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ABSTRACT 

Total ankle replacement (TAR) is an alternative to ankle arthrodesis (AA), which consists of 

replacing the degenerated joint with a mechanical motion-preserving alternative. TAR is still not 

considered as clinically successful as hip and knee replacements, with approximately 45-91% 

survivorship at 15 years. This is primarily due to implant loosening, which has been associated 

with wear-mediated osteolysis. The development of a successful TAR has been further restricted 

by limited pre-clinical testing and biomechanical analyses compared to hip and knee joints. The 

research in this thesis aimed to assess the biomechanical and wear performance of a third 

generation mobile-bearing TAR.  

The wear performance of the BOX® ankle (MatOrtho Ltd, Leatherhead, UK) was determined 

through a series of four implant and simulator parameter based studies: (1) implant size; (2) 

accelerated artificial ageing; (3) simulator type; and (4) simulator input profiles. Different sizes of 

the device were evaluated in two types of mechanical knee simulators (pneumatic and 

electromechanical) for up to 5 million cycles (Mc), under varying loads and kinematics (University 

of Leeds and ISO 22622:2019), aiming to replicate an ankle gait cycle. Gravimetric measurements 

of polyethylene wear were taken every Mc, while simulator input following, topographic changes, 

and visual damage wear modes were also reported. No statistically significant differences in the 

mean wear rate were determined between implant sizes, simulator type or simulator input 

profiles, with each wear rate comparing well to the ankle simulator literature. The artificially aged 

inserts exhibited increased wear rates during the steady-state wear phase, but showed no 

indication of structural failure. The biomechanical performance of the implant was investigated 

through three-dimensional gait analysis. A BOX® ankle patient cohort (n = 6) was compared 

against AA patients (n = 9) and a mixed TAR patient group (n = 6). A multi-segment foot model 

(MFM) was used to calculate peak and ROM kinematics of the hindfoot, midfoot and forefoot 

segments, while kinetic and kinematics parameters were determined for the hip and knee joints. 

Spatiotemporal parameters and patient reported outcome measures were also assessed. The range 

of hindfoot sagittal motion was greater in both TAR cohorts compared to the AA cohort, while 

the AA patients displayed hypermobility at the distal foot segments. The outcome of this study 

further emphasizes the clinical relevance of using a MFM and suggests surgical decision making 

should consider the effect of treatment options on the distally located foot joints.  

To summarise, the thesis highlighted the influence of a variety of implant and simulator 

parameters on TAR wear simulation, alongside the improved biomechanical function of TAR 

when compared to AA. The study provided a useful benchmark for future TAR wear simulations, 

which should aim to develop a clinically relevant wear simulation protocol, under a variety of 

activities of daily living, to further understand the biomechanical and wear performance of a 

TAR.  
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ANATOMICAL TERMINOLOGY 

In order to communicate specific information concerning human movement, specialised 

terminology is required to precisely identify body position and direction. All of the position and 

motion terminology presented in the thesis is relative to the universally accepted anatomical 

reference position. This is an erect standard position of the body, facing directly forward, 

including the arms hanging down at the sides of the body with the palms of the hand facing 

forward, and the feet placed slightly apart.  

ANATOMICAL REFERENCE PLANES 

Sagittal Plane  The plane that bisects the body into right and left sides 

Frontal Plane  The plane that bisects the body into front and back halves 

Transverse Plane A body plane that is perpendicular to the long axis of a segment or the 

body 

ANATOMICAL POSITIONING TERMINOLOGY 

Anterior  A position in front of a designated reference point 

Posterior  A position behind a designated reference point 

Medial   A position relatively closer to the midline of the body 

Lateral   A position relatively far from the midline of the body 

Proximal  A position relatively closer to a designated reference point 

Distal   A position relatively far from a designated reference point 

Superior  A position above a designated reference point 

Inferior   A position below a designated reference point 

JOINT MOTION TERMINOLOGY 

Flexion  Movement of a segment toward an adjacent segment so that the angle 

between the two is decreased 

Extension Movement of a segment away from an adjacent segment so that the 

angle between the two segments is increased 

Abduction Sideways movement of the segment away from the midline or sagittal 

plane 

Adduction Sideways movement of a segment toward the midline or sagittal plane 
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Plantarflexion Movement of the foot downward in the sagittal plane; movement away 

from the leg 

Dorsiflexion Rotation of the foot up in the sagittal plane; movement toward the leg 

Eversion The movement in which the lateral border of the foot lifts so that the 

sole of the foot faces away from the midline of the body 

Inversion The movement in which the medial border of the foot lifts so that the 

sole of the foot faces away from the midline of the body 

Internal Rotation Rotating the joint towards the midline 

External Rotation Rotating the joint away from the midline 

Pronation  Subtalar pronation causes the plantar surface of the foot to face laterally 

Supination Subtalar supination causes the plantar surface of the foot to face 

medially 
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INTRODUCTION 

End-stage ankle osteoarthritis (OA) is a chronic debilitating disease characterised by progressive 

joint degeneration (Buckwalter et al., 2004), which can lead to considerable pain (Bloch et al., 

2015) and functional impairments of the entire lower limb, causing difficulties during daily life 

activities, such as walking (Queen, 2017a; Deleu et al., 2021a). Ankle arthrodesis (AA) remains 

the gold-standard operative treatment strategy in patients suffering with end-stage ankle OA 

(Ferguson et al., 2019), which provides significant pain relief and well-documented long-term 

survivorship (Norvell et al., 2019; Lawton et al., 2020). It has however, been hypothesised that 

AA may potentially lead to altered gait mechanics and mechanical loads at the distal foot joints, 

which could lead to adjacent joint degeneration and further functional impairments (Pinsker et 

al., 2016).These disadvantages have encouraged motion preserving procedures such as total ankle 

replacement (TAR), which have been shown to conserve existing pre-operative sagittal ankle 

range of motion, increase the power generated at the ankle joint and improve walking speed post-

surgery (Ingrosso et al., 2009; Brodsky et al., 2011; Deleu et al., 2022). However, there are limited 

studies which have directly compared the gait mechanics between AA and TAR, with many failing 

to determine the compensatory mechanisms that may be present at the distal foot joints or at the 

proximally located hip and knee joints. The majority of the gait based studies are also limited by 

relatively short-follow-up periods post-surgery.  

Although TARs have the potential to improve gait mechanics, particularly at the distal foot joints, 

long-term survivorship remains unsatisfactory in comparison to AA (Maffulli et al., 2017) and 

that of hip and knee replacements (Palanca et al., 2018). Aseptic loosening is the main reason for 

the revision of TAR, which has been attributed to wear-mediated osteolysis through the 

production of wear debris (Schipper et al., 2017). As the survival rates of newer generation TARs 

are improving, there is an increased risk that wear-mediated osteolysis will become more 

prevalent (Smyth et al., 2017). Mechanical wear simulator studies have demonstrated that they 

are a powerful tool in predicting wear performance for varying prosthesis designs and bearing 

materials for total hip and knee replacements, under physiologically relevant conditions. 

However, TARs have not been subject to the same pre-clinical testing and are limited to a small 

number of studies, in which experimental protocols and input profiles widely vary. This makes it 

difficult to compare wear behaviour between different implants. Current TAR wear studies have 

also failed to recognise the influence of varying implant and simulator parameters on implant 

wear behaviour, which could explain the clinical failure of the device. 

Pre-clinical in vitro simulations under varying implant and simulator parameters, alongside studies 

which investigate further the gait mechanics of TAR compared to the gold standard AA treatment 

option, are important in informing future device development, in regard to biomechanical and 

wear performance. 
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AIMS AND OBJECTIVES 

The main aim of this project was to understand the biomechanical and wear performance of a 

third generation mobile-bearing (MB) TAR, in current clinical use, using a combination of gait 

analysis and experimental simulation methodologies.  

The proposed research aims were achieved through the three main objectives: 

1. Determine the effect of varying implant parameters on the wear of a MB implant 

2. Explore the effects of simulator parameters on the wear of a MB implant 

3. Investigate biomechanical differences between AA and TAR patients using a lower limb 

and multi-segment foot model during overground walking at an intermediate follow-up 

period 

The novelty of this work lies in the development and implementation of several wear simulations 

and gait analysis studies of a third generation MB TAR. The first novel component of the thesis 

examined the impact of different implant parameters on implant wear (Objective 1). The first of 

these was implant size, which is especially important given that surgeons must make the correct 

decision on implant size, to ensure a longer lasting device. Hip and knee studies have shown that 

increasing the implant size caused greater wear due to greater surface area and multidirectional 

motion at the bearing surfaces, but reduced the risk of insert dislocation. However, this has not 

been determined in TAR. Therefore, the first objective aimed to investigate whether size had an 

effect on TAR wear behaviour. The second parameter investigated was the impact of artificially 

aged polyethylene inserts on implant wear. All previous TAR wear studies used pristine 

polyethylene, which does not represent the material conditions in situ (being an oxygen rich 

environment undergoing radicalisation and release of free radicals). The risk of ageing and 

oxidation is even more concerning in ankles, due ankle implants being of a smaller size, increased 

contact mechanics, relative multidirectional motion and reduced polyethylene thickness when 

compared to hip and knee implants. 

For the first time, ISO 22622:2019 profiles were used to determine the effect of simulator type 

and simulator input parameters on implant wear (Objective 2). Different simulator types 

(pneumatic and electromechanical) have previously been found to produce comparable wear 

results in hip and knee devices, but still needed to be understood for TAR due to the different 

contact mechanics and geometry of the device being measured. Improvements in kinematic 

following or differences in wear rates may lead to a preferred simulator type for future wear 

studies. Objective 2 also focused on comparing two different loading and kinematic input 

profiles, including the recently developed ISO 22622:2019. It was important to understand the 

effect of the ISO 2622:2019 profiles, to make sure they do not produce substantially different 

wear rates to previous wear studies, as well as confirming that the profiles do not result in the 
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production of adverse events such as insert dislocation. These profiles will likely be used as the 

benchmark for future wear testing.  

The final objective (Objective 3) was to be the first study to combine the use of multi-segment 

foot modelling and lower limb biomechanical modelling to determine the differences in gait 

mechanics between TAR and AA patients at an intermediate follow-up period. Differences in 

kinematics and kinetics at the distally located foot joints and proximal hip and knee joints may 

be related to compensatory mechanisms and put patients at risk of requiring future surgical 

interventions. This study was also important to demonstrate that any improved wear rates 

determined as part of Objectives 1 and 2, compared to previous wear studies, may not guarantee 

in vivo performance.  

The advancements of such methods will be crucial in the ongoing development of TAR, as well 

as enhancing clinical performance through understanding the envelope of TAR biomechanics 

and wear behaviour. This may also lead to TAR becoming the ‘gold standard’ choice for the 

treatment of end-stage ankle arthritis. 
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THESIS OUTLINE 

The thesis begins with a general review of the literature (Chapter 1), which includes background 

information on anatomy, function and biomechanics of the ankle joint complex. The review then 

considers ankle arthritis and the surgical interventions associated with the disease; namely AA 

and TAR. Next, an overview of the history and development of TARs is detailed, which considers 

designs, survivorship, complications, and biomechanical performance. The Chapter then 

presents a comparison of both treatments options with regard to patient functional outcomes 

and gait mechanics. Following this, a review of the fundamentals of biotribology and wear 

simulation studies of TARs is conducted. The Chapter concludes with the summary of the 

literature review.  

Chapter 2 informs the reader of the general in vitro wear simulator methodologies under 

displacement control, which have been used in the wear studies detailed in Chapter 3 (Implant 

Parameters) and Chapter 4 (Simulator Parameters). Chapter 3 examines the influence of implant 

parameters on the wear behaviour of a mobile-bearing TAR. The Chapter is separated into two 

different wear studies, being implant size and accelerated artificial ageing. Chapter 4 investigates 

the impact of simulator parameters on the wear of the same mobile-bearing device. Again, the 

Chapter is separated into two wear studies (simulator type and simulator inputs). Both Chapters 

3 and 4 compare the effect of the varying implant and simulator parameters on: simulator loading 

and kinematic following performance; wear rates; inter-station variability; topographical changes; 

and visual damage modes with respect to previously simulated and retrieved implants.  

Chapter 5 details the use of three-dimensional motion capture to assess the gait differences in 

TAR and AA patients during overground level walking at an intermediate follow-up period post-

surgery. The Chapter explores the use of a multi-segment foot model to determine kinematic 

differences between treatment options in the distally located joints of the foot. The Chapter also 

presents the differences in functional outcomes, spatiotemporal parameters, ground reaction 

forces, joint moments and power of the hip, knee and ankle.  

Chapter 6 completes the main body of this thesis by providing a full discussion of the findings 

from each of the studies presented (Chapters 3-5). This Chapter also identifies the limitations 

associated with each study, as well as the implications, intentions for future work and concluding 

findings.  
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CHAPTER 1 

LITERATURE REVIEW 

1.1 Ankle Joint Complex Anatomy and Function 

The foot and ankle make up an intricate functional assembly of over twenty six irregularly shaped 

bones, thirty three joints, numerous tendons, ligaments and muscles responsible for our ability 

to support the weight of the body during static and dynamic locomotion (Kleipool and 

Blankevoort, 2010). The bones of the foot can be further divided into four functional regions: 

(1) the hindfoot which comprises of the talus and calcaneus; (2) the midfoot which comprises of 

the three cuneiforms, navicular and cuboid; (3) the forefoot which comprises of five metatarsals; 

and (4) the toes which comprise of five sets of phalanges, constructed of sixteen individual bones 

(Figure 1) (Levine et al., 2012). Although often referred to as the ‘ankle joint’, there are several 

articulations which facilitate motion of the foot. The ankle joint complex (AJC) is a multifaceted 

joint, consisting of the talocrural, subtalar and talocalcaneonavicular joints, which form a kinetic 

linkage system connecting the foot and lower limb, permitting the transfer of loads between the 

legs and feet (Grimston et al., 1993).  

 
Figure 1. Schematic image of the bones of the right foot. Adapted from Hamill et al. (2021). 
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The talocrural (tibiotalar) joint is typically considered the “true ankle” joint and is established by 

the articulation of the inferior extremity of the tibia and fibula and the trochlea of the talus, as 

shown in Figure 2 (Michael et al., 2008). The talus is the most superior bone of the foot, 

consisting of a rounded head, neck and cuboidal body, which transmits the weight of the entire 

body of the foot (Hamill et al., 2021). The superior aspect of the body of the talus creates three 

joint surfaces (the trochlea; lateral malleolar facet; and medial malleolar facet), forming the 

articulation with the ankle mortise (Donatelli, 1985). The medial and lateral malleoli function 

together to restrain the talus, such that the talocrural joint primarily contributes to hinge like 

dorsi-/plantarflexion of the foot (Lundberg et al., 1989). The cone-shaped trochlea surface is 

formed from the talus being wider anteriorly than posteriorly, and the radius being smaller 

medially than laterally, suggesting the joint is most stable in dorsiflexion (Hertel, 2002).  

The subtalar (talocalcaneal) joint consists of three articulations between the talus and calcaneus 

(Figure 2) (Jastifer and Gustafson, 2014). The calcaneus is the most posterior and largest bone of 

the foot, which is involved in the transfer of the weight of the body to the floor (Krähenbühl et 

al., 2016). The articulating facets of the inferior aspect of the talus have a concave structure, while 

the superior calcaneal surface is concentrically convex, resulting in the primary motions of 

inversion and eversion. The talocalcaneonavicular (transverse tarsal) joint is formed by the 

calcaneocuboid joint and the talonavicular joint. The talocalcaneonavicular joint shares a 

common axis of motion with the subtalar joint, which means it also contributes to 

inversion/eversion motion of the foot (Sarrafian, 1993).  

 

Figure 2. Sagittal view of the joints associated with the AJC. Adapted from Nordin and Frankel 
(2021). 
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The ligaments of the AJC play a fundamental role in providing stability during motion (Watanabe 

et al., 2012) and can be subdivided into lateral collateral ligaments (LCL), medial collateral 

ligaments (MCL), and ligaments of the tibiofibular syndesmosis (Golanó et al., 2010). The LCL 

consists of the anterior and posterior talofibular ligaments, and the calcaneofibular ligament, 

which provide resistance to inversion, varus stresses, and internal rotation (Figure 3) (Watanabe 

et al., 2012). The anterior talofibular ligament is at the greatest risk of injury, due to inversion 

injuries such as ankle sprains, which in turn, is the most common mechanism of ankle ligament 

injury (Lynch and Renström, 1999). The calcaneofibular ligament connects the talocrural and 

subtalar joints, ensuring stability of the subtalar joint (Golanó et al., 2010). The MCL consists of 

the tibionavicular, tibiocalcaneal and the anterior and posterior tibiotalar ligaments (Golanó et 

al., 2010). These ligaments work together to restrict eversion, valgus stresses, and external 

rotation within the ankle joint (Watanabe et al., 2012). The syndesmosis provides essential 

stability between the distal epiphyses of the tibia and fibula during activities of daily living (ADL) 

(Ebraheim et al., 2006). 

 

1.2 Biomechanics of the Ankle 

1.2.1 Anatomical Planes and Axes 

The AJC is efficient in producing multi-axial motion in all three anatomical (reference) planes of 

motion: sagittal (anteroposterior); frontal (coronal); and transverse (horizontal) (Figure 4). During 

motion, the body rotates around an imaginary axis of rotation (AOR), which passes through each 

joint. The three anatomical axes are commonly referred to as the mediolateral, anteroposterior 

Figure 3. Lateral view of the ligaments of the ankle (Nordin and Frankel, 2021). 
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and longitudinal axes, which are perpendicular to the anatomical planes of motion and cause 

rotation in the sagittal, frontal and transverse planes, respectively (Nordin and Frankel, 2021). 

 

1.2.2 Motions of the Ankle Joint Complex 

The AJC can rotate in all three planes of motion, allowing dorsi-/plantarflexion, 

inversion/eversion and abduction/adduction (internal/external rotation) in the sagittal, frontal 

and transverse planes, respectively (Figure 5) (Zwipp and Randt, 1994). In the sagittal plane, 

dorsiflexion is defined as the motion of the foot when the toes are raised off the ground, while 

plantarflexion occurs when the toes are pushed towards the ground (Snedeker and Wirth, 2012). 

Inversion occurs when the medial border of the foot lifts, causing the sole of the foot to tilt 

inwards, while eversion causes lifting of the lateral side of the foot and tilts the sole inwards 

towards the midline (Procter and Paul, 1982). Abduction is the motion where by the distal aspect 

is angled away from the midline of the body (lateral rotation), whereas adduction describes the 

motion of the distal aspect of the forefoot being angled in the direction of the midline (medial 

rotation) (Zwipp and Randt, 1994). Combinations of the individual planar orientations create 

three dimensional (3D) ‘triplanar’ motions commonly referred to as pronation and supination 

(Edington et al., 1990). Pronation is the amalgamation of dorsiflexion, eversion, and abduction, 

which causes the sole to face laterally. Supination is the opposite of pronation, in which the 

Figure 4. The three anatomical planes of motion and anatomical positioning terminology. 
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combination of plantarflexion, inversion, and adduction causes the sole to face medially (McPoil 

and Knecht, 1985).  

 

1.2.3 Axis of Rotation 

There remains a disagreement amongst researchers concerning the AOR for the joints of the 

AJC, with some individuals suggesting that the AJC is multi-axial. This is due to internal rotation 

that is produced during dorsiflexion and external rotation that occurs in plantarflexion (Siegler et 

al., 2014). Studies focused on defining talar anatomy, have highlighted differences in the medial 

and lateral aspects, signifying that the AOR of the talocrural joint differs as the motion changes 

(Barnett and Napier, 1952). It has been proposed that the AOR is inclined downwards and 

laterally during dorsiflexion, while being inclined upwards towards the lateral side of the ankle 

joint in plantarflexion (Barnett and Napier, 1952; Hicks, 1954). This finding was also supported 

by Lundberg et al. (1989), who implied that the talocrural joint possesses different axes for 

flexion, through applying known orientations of the AJC using roentgen stereophotogrammetry 

in 8 healthy participants. These changes between axes occurred gradually, particularly in the 
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Figure 5. Motions of the ankle: Dorsi-/Plantarflexion (A), Abduction/Adduction (B), 
Inversion/Eversion (C).  
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frontal plane, with the dorsiflexion axes being inclined downwards and laterally compared with 

those of plantarflexion, which were inclined downwards and medially (Lundberg et al., 1989).  

Other studies have determined that the talocrural joint is uniaxial in nature and works as a simple 

‘hinge’ joint, with the simultaneous motion being produced as a result of its oblique axis (Inman, 

1976; Sarrafian, 1993). Inman (1976) revealed that the lateral aspect of the trochlea remained 

perpendicular to the AOR, while the medial facet was inclined by 6°. The lateral facet of the 

trochlea was assumed to be circular in shape, while the medial aspect was elliptoid. The study 

also showed that in the frontal plane, the ankle joint axis was found to pass just below the tips of 

the malleoli (8°), inclining downwards and laterally. In the transverse plane, the axis was said to 

have gone through the centres of the malleoli, being inclined posterolaterally (Inman, 1976). 

However, a more recent computerised tomography based study of 26 healthy adults found that 

the trochlear surface of the talus can be modelled as a truncated conic saddle shape, orientated 

laterally compared to medially, as hypothesised by Inman (Siegler et al., 2014). The authors 

postulated that the compatible shape of the talus allows for triplanar motions of pronation and 

supination, while providing stability during inversion/eversion (Siegler et al., 2014). The subtalar 

joint possesses an oblique axis, which extends anteromedially from the talus to the posterolateral 

portion of the calcaneus (Donatelli, 1995). Using 46 cadaveric feet, the oblique axis has been 

found to produce a mean angle (± standard deviation) of 41 ± 9° with the anteroposterior axis 

in the sagittal plane and 23 ± 11° with the midline of the foot in the transverse plane (Figure 6) 

(Inman, 1976). The subtalar joint also acts as a torque converter during motion, resulting in tibial 

internal and external rotation during pronation and supination, which has been likened to a 

mitred hinge (Figure 7) (Donatelli, 1995).  

 

Figure 6. Subtalar joint axis in the anterior-posterior (left) and lateral (right) views demonstrating 
inclination and deviation respectively. Adapted from Jastifer and Gustafson (2014).  

Subtalar axis 
 

x = 41° 
 

47° 
 

69° 
 

21° 
 

x = 41° 
 

Axis of 
subtalar joint 
 

Horizontal 
plane 



17 

 

 

1.2.4 Range of Motion 

Sagittal plane range of motion (ROM) represents the greatest amount of motion at the AJC, 

which is between 65º-70º, moving from 10º-20º of dorsiflexion through to 40º-55º of 

plantarflexion (Stauffer et al., 1977; Grimston et al., 1993). However, during ADL’s, the required 

sagittal plane ROM is much lower, with a maximum of 30º for walking, 37º for stair ascent, and 

56º for stair descent (Nordin and Frankel, 2021). Frontal plane ROM is approximately 35º, with 

a maximum inversion angle of 20º-30º, compared to 5º-10º for maximum eversion (Stauffer et 

al., 1977). Again, only 10º-15º of frontal plane motion is required during walking based activities 

(Sammarco and Hockenbury, 2012).  

There is much debate throughout the ankle literature as to how much the talocrural and subtalar 

joints contribute to each other’s motion. Historical research concluded that dorsi-/plantarflexion 

motion was solely accredited to the talocrural joint, while inversion/eversion occurred solely at 

the subtalar joint (Chen et al., 1988). However, dynamic magnetic resonance imaging techniques 

have been used to determine that most eversion occurred at the subtalar joint as predicted, but 

inversion motion was also found to occur at the talocrural joint (Sheehan et al., 2007). The 

improved understanding of talar geometry has also shown perceived motion in the subtalar joint 

may occur at the talocrural joint due to its saddle shape (Siegler et al., 2014).  

1.2.5 Gait Cycle and Events 

Human locomotion is a cyclic process that is often referred to as the ‘gait cycle’, which is defined 

as the time intermission between two repeated events of walking (Levine et al., 2012). The gait 

cycle can be separated into two distinctive phases known as stance and swing (Stauffer et al., 

1977). The former describes the process of the foot contacting the ground and accounts for 60% 

Figure 7. A representation of the subtalar joint as a mitred hinge. Adapted from Inman (1976). 
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of the gait cycle and the latter when the foot is not (Perry and Burnfield, 2010). While the gait 

cycle describes the motion of a single leg, the gait cycle of the contralateral limb is the same in 

healthy individuals, but time-shifted by 50%. The overlapping period of the stance phase in both 

limbs is known as the double-support period, representing the phase were both feet are on the 

ground simultaneously (Levine et al., 2012). The two phases of the gait cycle can be further 

separated into seven successive sub-phases: (1) loading response; (2) midstance; (3) terminal 

stance; (4) pre-swing; (5) initial swing; (6) mid-swing; and (7) terminal swing (Figure 8) (Whittle, 

1996).  

The loading response, corresponds to the double support period following initial contact with 

the ground (0-10%) (Perry and Burnfield 2010). Initial contact, also referred to as heel strike, is 

deemed the start of gait, with the foot and ankle in a relatively neutral position in the sagittal 

plane of motion (Figure 9). After initial contact, ankle plantarflexion occurs as the forefoot is 

lowered to the floor, pivoting around the calcaneus until the foot is flat on the ground. During 

initial contact, the foot is also typically in an inverted position leading to maximum eversion at 

midstance (Figure 9) (Michael et al., 2008). The midstance phase is associated with the neutral 

position of the foot and occurs during contralateral limb toe-off to heel rise (10-30%) (Levine et 

al., 2012). Throughout this phase, body weight (BW) is supported by a single limb, with the 

muscles surrounding the hip joint providing most of the stability required to maintain balance 

(Levine et al., 2012). 

Terminal stance occurs during heel rise of the supporting limb, with the ankle joint attainting 

maximum dorsiflexion at 75% of stance (Levine et al., 2012). Subsequently, a rapid motion of 

plantarflexion occurs, coupled with tibial external rotation and forefoot supination, causing the 

calcaneus to lift off the ground. This continues until reaching maximum plantarflexion at toe-off 

(Figure 9) (Perry and Burnfield, 2010). Inversion begins to occur until toe-off (Figure 9), giving 

the foot rigidity to allow the heel to rise and push off into the swing phase (Nordin and Frankel, 

2021).  

The pre-swing phase begins at toe-off of the supporting foot and initial contact of the 

contralateral foot. This shorter double support period persists for approximately 10% of the gait 

cycle and is also known as the push-off or propulsion sub-phase (Levine et al., 2012). As the 

names suggests, the body accelerates forward as the foot acts as a rigid lever (Blackwood et al., 

2005), pushing the body forward through the power generated primarily at the ankle (Levine et 

al., 2012). Throughout the initial swing phase, the foot swings across the mid-line of the body, 

acting as a ‘pendulum’, with the advancement of the lower limb (Levine et al., 2012). During mid-

swing and terminal swing phases, the knee extends passively to prepare the foot for initial contact. 

The ankle progressively shifts from a plantarflexed position to a relatively neutral position at 

initial contact to begin the next gait cycle (Figure 9) (Perry and Burnfield, 2010).  
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1.2.6 Ankle Forces 

The talocrural joint bears a compressive force of approximately 5-7 times BW during the stance 

phase of walking (Michael et al., 2008), and up to 13 times BW during running (Burdett, 1982). 

Experimental studies have determined that approximately 83% of the load is transmitted through 

the tibia to the talus, with the remaining 17% transmitted through the fibula (Calhoun et al., 1994; 

Wang et al., 1996b). Of the load carried across the talocrural joint, between 77-90% is applied to 

the talar dome, with the remaining load (10-23%) being transferred across the medial and lateral 

talar facets (Michael et al., 2008). The load distribution is controlled by the forces at the ankle 

ligaments and their positional effects, with increased loads on the talar lateral facet during 

eversion and higher loads at the medial facet during inversion (Michael et al., 2008).  
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Figure 9. The ankle and subtalar joint motions in the sagittal and frontal planes, respectively, 
during a natural walking gait cycle. Adapted from Sammarco and Hockenbury (2012). 
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The talocrural joint has a relatively high level of congruency, meaning that despite the relatively 

high loads experienced during walking and varying ADLs, the load-bearing contact area of the 

talocrural joint is relatively large (11-13 cm2) (Michael et al., 2008). It has been proposed that the 

ankle possesses the highest weight bearing force per cm unit area than any other joint of the 

lower limb (Thomas and Daniels, 2003). The majority of studies have measured contact forces 

at the ankle through computational prediction or cadaveric experimentation. A cadaveric study 

applying a static load of 1500 N (approximately twice BW) in the neutral position, demonstrated 

a mean contact pressure of 9.9 MPa and a mean contact area of 483 mm2, which is substantially 

less than proposed values above (Kimizuka et al., 1980). A similar study using a lower load of 

800 N, representing 1 times BW, produced a mean contact pressure of 1.84 MPa in the neutral 

ankle, 2.16 MPa in 20° of dorsiflexion and 2.14 MPa in 20° of plantarflexion (Wagner et al., 

1992). The mobile axes of the ankle also allows the alignment of the AJC to adjust with changes 

in weight bearing, thus, reducing some of the contact stresses (Nordin and Frankel, 2021). 

However, the relatively high ROM and compressive loads that occur at the AJC, means that the 

ankle remains vulnerable to injury, which in some cases may subsequently lead to the 

degeneration within the joint.  

1.3 Ankle Arthritis  

The most common pathology that can disrupt the ankles function is osteoarthritis (OA), which 

is characterised as a progressive cartilage degenerative disease (Hügle et al., 2012), with a 

population prevalence estimated to be 3.4% in people over 50 years of age (Murray et al., 2018). 

OA eventually causes the reduction in joint space, increased subchondral bone sclerosis, intra-

articular inflammation and periarticular bone growth (Donell, 2019). Patients suffering with OA 

usually experience typical symptoms of joint pain, swelling, stiffness, impaired functional ability 

and reduced quality of life (QoL) (Thomas and Daniels, 2003; Buckwalter et al., 2004; Agel et al., 

2005; Saltzman et al., 2006; Glazebrook et al., 2008; Hintermann and Ruiz, 2014). End-stage 

ankle OA has previously been shown to be as debilitating as end-stage hip OA, kidney disease 

and congestive heart failure (Saltzman et al., 2006; Glazebrook et al., 2008).  

The number of cases of primary OA is considerably less common in the ankle joint compared to 

the proximal joints of the lower limb (Snedeker and Wirth, 2012), with approximately 47.7 per 

100,000 individuals in the United Kingdom (UK) encountering this issue (Saltzman et al., 2006). 

The substantially lower occurrence rate of primary OA at the ankle joint is likely owed to the 

biomechanical and anatomical structure of the AJC (Adukia et al., 2020). Biomechanically, the 

sagittal ROM that occurs at the talocrural joint is substantially smaller than that of the hip and 

knee joints (Deleu et al., 2020a), which predisposes the proximal lower limb joints to developing 

primary OA (Thomas and Daniels, 2003). Anatomically, ankle cartilage has been found to be 

more stiff and resistant to mechanical damage (Shepherd and Seedhom, 1999). The cartilage at 

the ankle has also been shown to not generate matrix metalloproteinase 8 (MMP8) mRNA, an 
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enzyme known to be present in degenerative knee cartilage (Adams et al., 2015). Additionally, 

ankle cartilage tends to be less sensitive to the effects of cytokines, which have been associated 

to the advancement of primary OA (Adams et al., 2015; Pham et al., 2021).  

Prior joint trauma is the most regular cause of ankle OA (Saltzman et al., 2005; Hintermann and 

Ruiz, 2014), accounting for between 65-80% of all cases, compared to 9.8% and 1.6% in knee 

and hip OA, respectively (Horisberger et al., 2009). The main predisposing causes of post-

traumatic OA (PTOA) are ankle fracture (37.0%), persistent sprains (14.6%), pilon fracture 

(9.0%), tibial shaft fracture (8.5%), and osteochondral lesion of the talus (4.7%) (Saltzman et al., 

2005). Ankle trauma and subsequent ankle OA is, therefore, more likely to affect younger and 

more active populations than in hip or knee OA (Hintermann and Ruiz, 2014). The average age 

of a patient requiring surgical intervention after PTOA is 51.5 years (Saltzman et al., 2005), while 

hip and knee OA patients commonly have surgical treatment at a later age of approximately 70 

years (Thien et al., 2014). The earlier symptomatic onset of OA, compared to the proximal joints 

of the lower limb, means that patients may suffer over longer periods of time and the associated 

symptoms of OA must be endured to remain physically active and maintain their capacity to 

work (Hintermann and Ruiz, 2014). 

1.4 Treatment of Ankle Arthritis  

The younger and more active population who suffer from PTOA present a new challenge with 

regard to selecting a surgical intervention that is reliable and long-lasting, in order to improve the 

functional capabilities and pain relief of patients suffering from end-stage ankle OA 

(Demetracopoulos et al., 2015).  

1.4.1 Non-surgical Interventions 

Non-surgical interventions for ankle OA are the same as for other degenerative joints, comprising 

of approaches aimed at reducing weight bearing loads at the AJC (Castagnini et al., 2016). These 

surgical options include: physical activity modification to exercises such as swimming and cycling; 

weight reduction; withdrawal from high risk and impact sports; and the use of walking aids 

(Adukia et al., 2020). Arthritic patients may also benefit from shoe outsole adaptations (i.e., rocker 

sole) or foot orthotics to allow efficient forefoot motion and restrict movement at the AJC 

(Huang et al., 2006). In addition, the combined use of physiotherapy, analgesics, and anti-

inflammatory medication should be recommended to patients with worsening conditions and 

before surgery is required (Bloch et al., 2015). Non-surgical treatments focus on pain 

management and slowing the progression of ankle degeneration. However, once end-stage ankle 

OA is reached, these treatment methods are considered completely ineffective and surgical 

interventions are a must (Bhatia, 2014).  
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1.4.2 Surgical Interventions 

There are several surgical interventions for patients suffering from end-stage ankle OA. Ankle 

debridement (ankle arthroscopy), utilises fibre optics, magnifying lenses and digital video 

monitors to visualise the ankle joint through minor incisions (Bluman et al., 2018). The main 

advantage of this treatment option is that it is a minimally invasive approach, coupled with a 

short recovery time (Bluman et al., 2018). However, the findings surrounding this technique 

remain inconsistent, particularly for patients suffering with end-stage ankle OA (Glazebrook et 

al., 2009). Supramalleolar osteotomy aims to realign the joint articular surface areas between the 

tibia and talus, thus increasing the contact area across the ankle to restore normal joint loading 

(Takakura et al., 1995). However, the survival rate of this realignment procedure was only 88% 

at a mean follow-up period of 5 years in 298 ankles (Krähenbühl et al., 2017). Distraction 

arthroplasty applies an external fixed or hinged distractor frame, designed to permit intermittent 

intra-articular fluid pressures and provide reprieve from mechanical stress on the cartilage (Martin 

et al., 2007). Previous research has demonstrated relatively beneficial results, with 9 of 16 patients 

(56.25%) presenting improved functional and pain outcomes at a short follow-up period of 41 

months (Xu et al., 2017). On the other hand, the level of evidence of this technique remains 

insufficient and a significant proportion of younger patients require joint-sacrificing surgery in 

the mid-to-long term (Adukia et al., 2020).  

Whilst each of these surgical interventions have their advantages, their clinical and functional 

findings remain inconsistent in patients suffering with end-stage ankle OA. Therefore, the 

remaining part of the section will concentrate on the two most common invasive surgical 

interventions for end-stage ankle OA: ankle arthrodesis (AA) and total ankle replacement (TAR).  

1.4.3 Ankle Arthrodesis  

Introduced in 1879, AA, or ankle fusion, involves the restriction of movement at the AJC, 

through the artificial induction of joint ossification between the tibia and talus (Figure 10) 

(Cottino et al., 2012; Iwasa et al., 2014). AA is considered the gold-standard operative treatment 

strategy for surgeons in the treatment of end-stage ankle OA (Jordan et al., 2014; Lawton et al., 

2020). There have been over thirty different operational techniques reported in the literature for 

AA (Nihal et al., 2008), with extensive data demonstrating significant pain relief and improved 

patient reported outcome measures (PROMs) (Lynch et al., 1988; Hendrickx et al., 2011; Norvell 

et al., 2019). Intermediate-to-long term revision rates of AA are also low, with a pooled mean 

rate of 6.3% at an average follow-up of 4 years post-surgery (Lawton et al., 2020). Consequently, 

younger patients suffering with ankle OA tend to have AA surgery, particularly when functioning 

under higher and repetitive loading (Kim et al., 2017). However, non-union (7.4%) and wound 

complication (6.5%) remain regular reasons for revision in the AA patient population (Lawton et 

al., 2020). There is also no acceptable ‘salvage procedure’ for AA patients, limiting the capacity 

for deformity corrections (Easley et al., 2002).  
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The major concern with AA surgery is the immobilisation of the joint itself. This has been 

associated with reduced walking velocity and ankle sagittal ROM in AA patients, compared with 

the unaffected contralateral limb or healthy participant cohorts during level walking (Mazur et 

al., 1979; Wu et al., 2000; Trouillier et al., 2002; Valderrabano et al., 2003; Beyaert et al., 2004; 

Thomas et al., 2006; Fuentes-Sanz et al., 2012). Conversely, other gait based studies have shown 

a minimal reduction in sagittal plane ROM at the AJC in arthritic patients treated with AA surgery 

(Hahn et al., 2012; Flavin et al., 2013), while Brodsky et al. (2016) demonstrated increased ankle 

joint ROM following AA at a short-term follow-up of 15 months. The authors of the latter study 

stated that regardless of the sagittal plane motion post-operatively, some AA patients experience 

mobility at the AJC rather than the anticipated increase in joint stiffness (Brodsky et al., 2016). 

These contradictory findings may be related to the methodological differences between the gait 

studies, with Brodsky et al. (2016) using a simplistic one-segment kinematic foot model, which 

has been shown to cause opposite kinematic results at the ankle joint during walking (Pothrat et 

al., 2015).  

It is believed that the reduction in pain in the AJC following AA surgery may be a result of 

potential compensatory mechanics at the distal foot joints (Deleu et al., 2020a). A cadaveric gait 

simulation of a fused ankle demonstrated greater dorsiflexion and contact stresses at the forefoot 

joints during late stance (Demetracopoulos et al., 2016). Such compensatory motions may relate 

to alterations in adjacent joint contact mechanics, resulting in propagation of OA in the distally 

located joint (Demetracopoulos et al., 2016). A systematic review of 18 clinical studies showed 

the occurrence of subtalar OA ranged from 24% to 100%, while OA at the talonavicular and 

calcaneocuboid joint ranged between 18% to 77% following AA surgery (Ling et al., 2015). One 

Figure 10. Lateral and anteroposterior post-operative weight-bearing radiographs of an ankle 
arthrodesis fixation. Adapted from Brodsky et al. (2016). 
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way to treat postulated adjacent-joint OA would be with additional immobilisation, thus creating 

a chain reaction, which can lead to eventual transtibial amputation (Greisberg et al., 2004).  

Only recently, a 3D multi-segment foot model (MFM) was used to differentiate the joints of the 

hindfoot, midfoot and forefoot, in arthritic patients treated with AA (Eerdekens et al., 2020a). 

The study determined that there were no significant differences observed between the baseline 

and post-operative measurements, suggesting that the distally located joints did not undergo 

compensatory mechanisms at the 1 year post-operative follow-up. From a clinical point of view, 

this finding suggests that AA patients do not need to fear a loss of biomechanical functionality 

in their foot and ankle following surgery. However, it remains unclear as to whether the distally 

located joints to the AJC become constrained or hypermobile following AA at an intermediate-

to-long-term follow-up post-surgery.  

1.4.4 Total Ankle Replacement  

The disadvantages associated with AA surgery have encouraged the advancement and use of 

motion preserving surgical interventions such as TAR (Figure 11). This technology has been 

shown to result in the improved PROMs, preservation of ankle function and the potential to 

reduce the risk of developing adjacent joint degeneration (Deleu et al., 2020a).  

 

1.4.4.1 History and Design Development 

Encouraged by the initial positive clinical outcomes of total hip replacements (THR) and total 

knee replacements (TKR), the first TAR was performed in 1970 (Lord and Marotte, 1973). The 

device was a simple ‘hinged’ design, comprising of a tibial component with a long stem, which 

was comparable to the femoral component of a THR. The talar component was manufactured 

from conventional ultra-high-molecular-weight polyethylene (UHMWPE).  

Figure 11. AP and lateral weight-bearing radiographs at 7 years follow-up following a mobile-
bearing device. Adapted from Giannini (2013).  
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Other first generation TARs were defined as being constrained or unconstrained devices. 

Constrained devices were categorised as being spherical, spheroidal, conical, or cylindrical in 

shape (Lewis, 1994). The design aimed to enhance stability during articulation (Waugh et al., 

1976), while reducing polyethylene wear by providing uniform force distribution across the 

bearing surface (Gougoulias et al., 2008). However, the issue with constrained devices was that 

the movement was limited to the sagittal plane and caused increased risk of loosening at the 

bone-implant interface during short-term follow-up (Coetzee et al., 2017). Unconstrained devices 

were typically trochlear, bi-spherical, concave-convex, and, convex-convex in design (Lewis, 

1994).They had the advantage of increased ROM in all three planes of motion and reduced strain 

at the bone-implant interface (Gougoulias et al., 2008). Conversely, instability occurred as a result 

of excessive strain on the surrounding soft tissue, which was associated with increased 

UHWMPE wear (Gougoulias et al., 2008). 

There were early encouraging PROMs with first generation TARs, however, high complication 

rates and failure were associated at longer-term follow ups, with recommendations for use only 

in elderly patients with limited physical demands (Lachiewicz, 1994). Both TAR designs required 

significant bone resection and required large volumes of polymethyl methacrylate cement 

fixation, which had been attributed to increased loosening, osteolysis and subsidence in the 

metallic components (Vickerstaff et al., 2007). The high failure rates in first generation TARs 

resulted in the concept being abandoned in favour of the more reliable AA surgical technique.  

Researchers who identified problems with the early failing TAR designs considered this when 

developing second and third generation implants, which give additional consideration to 

replicating natural ankle anatomy (Vickerstaff et al., 2007). These devices are manufactured as 

either a two-part, fixed-bearing (FB) or three-part, mobile-bearing (MB) implants. FB designs are 

defined by the UHMWPE insert being fixed to the tibial component (Figure 12), enabling 

improved axial rotation and sagittal ROM (Vickerstaff et al., 2007). Compared to first generation 

designs, FB implants are fixated at the bone-implant interface through the use of a porous 

coating, which encourages osseointegration as opposed to cementation. This requires increased 

joint space, meaning more bone stock is maintained compared to first generation devices (Ianuzzi 

and Mkandawire, 2016).  

The “constraint-conformity/congruency conflict” is more apparent in FB implants with entirely 

conforming articulating surfaces, which produce increased axial constraints and subsequent axial 

loosening torque (Gougoulias et al., 2008). Hypothetically, to decrease implant constraint, FB 

designs can only be partially conforming, resulting in higher polyethylene wear as a result of 

increased contract stresses at the articulating surfaces (Gougoulias et al., 2008). Therefore, 

reducing conformity is associated with increased UHMWPE wear, particularly where there is an 

imbalance, resulting in edge loading of the polyethylene insert, and ultimately device failure 

(Vickerstaff et al., 2007).  
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Despite the potential increased risk of higher contact stresses and subsequent wear associated 

with FB, the popularity for using this device design has further augmented with the introduction 

of fourth generation implant designs, such as the INFINITYTM (Wright Medical Group, 

Arlington, Tennessee, United States of America (USA)), which has a 65.2% market share in the 

UK in 2020 (NJR, 2021).  

MB designs usually contain a flat tibial and curved talar metallic articulating surface, separated by 

a conforming UHMWPE meniscal insert (Figure 12). The design permits motion between the 

tibia and UHMWPE insert, allowing improved sagittal ROM compared to FB designs. This 

replicates rotational and translational freedom on the natural ankle, and reduces contact stresses 

at the bone-implant interface (Tochigi et al., 2005; Barg et al., 2015). The talar component in a 

MB has an increased contact area, due to the radius of curvature being longer than the talus of a 

natural ankle, preventing the likelihood of edge loading during motion (Hintermann, 2005). MB 

devices also decrease the volume of bone re-sectioning, resulting in a reduction of talar 

component subsidence (Gougoulias et al., 2008).  

 

1.4.4.2 Survivorship 

Even the latest generation of TAR designs are not surgeons’ automatic choice of intervention for 

end-stage ankle OA, mainly due to the surgical procedure being highly complex (Usuelli et al., 

2017) and relatively low survivorship compared to both AA and other joint replacements of the 

lower limb (Haddad et al., 2007; Daniels et al., 2014; Veljkovic et al., 2019; Lawton et al., 2020). 

A retrospective, cross-sectional cohort study, analysing 238 ankles (88 TAR, 50 arthroscopic AA 

and 100 open AA) in 229 patients with a mean follow-up of 43.3 months found that the rate of 

revision was comparable between the treatment groups, but there was a significantly higher re-

Figure 12. Schematic of a fixed (left) and mobile (right) TAR, consisting of metallic tibial and 
talar components and an UHMWPE meniscal insert.  
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operation rate for TAR (Veljkovic et al., 2019). However, the study failed to control for variance 

in patient demographics between treatment groups and there may have been selection bias, as 

the patients that received AA do not always have the same indications as the TAR cohort.  

Lawton et al. (2020) provided a combined systematic review and meta-analysis of the published 

literature reporting patient outcomes, complications and revision rate of 4,312 TAA and 1,091 

AA procedures. The analysis demonstrated no significant differences in complication rates (p = 

0.31) or revision rates (p = 0.65) between surgical interventions (Lawton et al., 2020). The current 

literature comparing the survivorship and revision rates of modern TAR and AA techniques is 

limited by the lack of long-term follow-up studies, which do not support one treatment option 

over the other for the management of end-stage ankle OA. Ultimately, the selection of implanting 

either treatment option should be assessed on a case-by-case basis, ensuring an informed 

discussion is conducted with each patient concerning the surgical interventions goals and 

potential complications. 

1.4.4.3 Complications 

At present there still remains a high level of uncertainty in regard to the factors which cause 

implant failure and the success of different designs in different patient groups. Aseptic loosening, 

infection and pain remain the most common failure mechanism in TAR devices (Henricson et 

al., 2007; Glazebrook et al., 2009; Espinosa et al., 2017). An earlier retrospective study used the 

Food and Drug Administration (FDA) Manufacturer and User Facility Device Experience 

(MAUDE) voluntary database, to determine complications reported outside the published 

literature (Mahmoud et al., 2021). Among the 648 reports available within the database, aseptic 

loosening (19.3%) and infection (18.2%), were found to be the most common complications.  

A total of 339 out of the 7,084 primary TAR procedures reported in the 18th NJR annual report 

indicated that a revision had taken place (NJR, 2021). The NJR Annual Report also identified 

that aseptic loosening (24.7%), infection (14.5%), and pain (11.0%), were the major indications 

for first revisions following primary TAR (Figure 13) (NJR, 2021). Aseptic loosening is usually 

found at the metallic talar component (Tomlinson and Harrison, 2012), and can be accredited to: 

inadequate fixation or small fixation surfaces (Misgeld et al., 2017); mal-alignment of the hindfoot 

or implant (Sopher et al., 2017); polyethylene component incongruity (Saito et al., 2019); and 

osteolytic lesions (Glazebrook et al., 2009). The common management option following 

loosening of the components is conversion to AA, although revision TAR using modular 

stemmed components has risen in popularity (Adukia et al., 2020). A previous study identified 

an 83% survivorship of 117 revision TARs at the six-year follow-up phase, where aseptic 

loosening had been identified again (Hintermann et al., 2013).  
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1.4.5 Biomechanics of Total Ankle Replacements  

The first study to assess gait mechanics in TAR patients dates back to Stauffer et al. (1977), which 

analysed kinetics and kinematics from 9 TAR patients against 5 healthy participants pre-

operatively, and after one year post-operatively. The study found that both cadence and sagittal 

ROM did not significantly improve after one year post-surgery. Demottaz et al. (1979) also 

completed a gait based study on 21 ankles from 6 different TAR designs against a healthy cohort 

and found that most patients were unable to walk barefoot after an average follow-up period of 

14.7 months (range 3-25). However, both of these earlier studies were limited by selected 

implants from the first generation of TAR designs, which were all abandoned and removed from 

the UK market due to the high complication and failure rates (Section 1.4.4.1) (Vickerstaff et al., 

2007).  

Most of the studies reporting gait changes in second and third generation TAR designs showed 

post-operative improvements in sagittal plane ROM compared to pre-operative values, but still 

remained significantly lower when compared to healthy control groups (Dyrby et al., 2004; Choi 

et al., 2013) or contralateral limbs (Brodsky et al., 2013). Both the studies that used healthy 

participants as their control failed to match the patient group by body mass index (BMI) or 

comorbidities, which may have led to the significant difference in sagittal ROM (Dyrby et al., 

2004; Choi et al., 2013). Using a contralateral limb as a control is inappropriate, as before and 

after the surgery, the opposing limb may have exhibited compensatory mechanisms to maintain 

natural gait. Therefore, the contralateral limb may not truly produce normal ROM values. Other 

studies have compared different TAR age cohorts (Tenenbaum et al., 2017) and implant designs 

Figure 13. Indications for the first revisions following primary TAR (NJR, 2021). 

14.5

24.7

10.2
9.4

1.9
1.7

5.4

3.9

11.0

5.7

4.7 6.8

Infection

Aseptic Loosening

Lysis

Malalignment

Implant Fracture

Meniscal Insert Dislocation

Wear of Polyethylene Component

Component Migration/Dissociation

Pain

Stiffness

Soft Tissue Impingement

Other Indication for Revision



30 

 

(Queen et al., 2017b), with neither study indicating significant differences between cohort or 

design.  

More recent gait based studies using MFM to measure kinematic adaptations following TAR 

surgery have demonstrated improved pain relief and function after surgery, as supported by better 

PROMs, increased spatiotemporal parameters (i.e. walking speed), and significant improvements 

in sagittal ROM of the tibia and hindfoot (Fritz et al., 2021; Deleu et al., 2022). While MFM 

kinematics were improved in both studies, they remained impaired compared to the healthy 

control cohort. Most of the studies mentioned above also compared gait mechanics at one-year 

post-surgery, with the longest follow-up being 3.5 years (Fritz et al., 2021). This meant that each 

of the studies failed to determine the longer term effect TAR surgery has on patient function and 

clinical outcome. This is required to truly determine the safety and performance of an implant 

over the lifetime of the device being in situ. Another limiting factor of all the studies mentioned 

in this section is that they did not directly compare the improved post-operative effects of TAR 

to other end-stage OA surgical interventions, such as AA. These comparator studies are required 

to aid surgeons in their selection for the optimal treatment option. 

1.4.6 Biomechanical Differences between Arthrodesis and Replacement 

There is much clinical debate surrounding the preferred treatment option for ankle OA, but 

comparative biomechanical studies remain limited. Most of the comparative gait studies have 

reported improved spatiotemporal and increased sagittal plane ROM post-operatively in TAR 

compared with AA patients (Piriou et al., 2008; Hahn et al., 2012; Singer et al., 2013; Flavin et al., 

2013; Segal et al., 2018; Sanders et al., 2021). A recent systematic review with meta-analysis 

comparing treatment options, which included 17 studies with a total of 883 patients, verified this 

finding (Deleu et al., 2020a). Moderate evidence was found for improved spatiotemporal 

variables, particularly increased walking speed following TAR, irrespective of implant design. It 

has been argued that TAR patients retain walking speed by increasing cadence and reducing step 

duration (Brodsky et al., 2016), while AA patients improve walking speed compared to pre-

operative values by increasing their step length, alongside a greater hip ROM in the sagittal plane 

(Brodsky et al., 2016). The systematic review also demonstrated reasonable evidence that TAR 

patients were able to conserve existing pre-operative sagittal ROM compared to AA patients 

(Deleu et al., 2020a). This finding coupled with the improved walking speed, suggests that TAR 

patients are able to walk and perform ADL more efficiently than AA patients post-surgery. 

However, neither treatment option was able to successfully attain comparable walking speeds or 

sagittal plane ROM when compared to healthy participant cohorts (Piriou et al., 2008).  

The increased sagittal ROM in TAR patients is also a compounding factor in improving moments 

and power at the ankle joint. Greater plantarflexion moment and ankle power generation is a 

strong indicator of an improvement in the ability to propel the foot forward and an increase in 

strength of the calf muscles (Ingrosso et al., 2009). Hahn et al. (2012) found that TAR patients 
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produced significantly higher sagittal ROM (p = 0.036) and reduced plantarflexor moment during 

late stance (p = 0.042) compared to the AA patient cohort. The improved sagittal ROM 

(particularly during dorsiflexion) likely lessened the internal passive resistance to peak forefoot 

forces. The greater sagittal ROM and subsequent angular velocity at toe-off helped maintain 

power generation, allowing the TAR patients to possess more natural ankle joint function. The 

increased peak plantar flexor moment found in the AA patients may be caused through greater 

rigidity of the AJC. The foot was likely to exhibit a longer moment arm, with the centre of 

pressure extending to the metatarsals during early stance. This may lead to AA patients possessing 

long-term external dorsiflexion moments across distally located joints of the foot, which may 

result in the development of adjacent-joint OA (Ling et al., 2015). 

The kinematic differences between treatment options in the studies above all measured ankle 

motion using a rigid, single-segment foot model (SFM), which does not isolate true ankle motion 

and includes the compensatory movements of adjacent foot joints in the calculation of ankle 

ROM. A recent study by Deleu et al. (2021b) showed that SFM significantly overestimates sagittal 

and transverse ROM, while underestimates frontal plane motion in healthy and arthritic 

participants compared to the MFM. The main disadvantage of SFM is that they do not allow the 

researcher to differentiate between motion occurring at the hindfoot, midfoot, or forefoot. 

Therefore, it is difficult to determine from the previous studies where hypermobility or 

impairments may occur in the joints distal to the ankle, which influence how a patient functions 

post-surgery (Deleu et al., 2021b).  

Only two published studies used MFM to compare gait mechanics between treatment options 

(Seo et al., 2017; Sanders et al., 2021). Seo et al. (2017) found significantly increased (p = 0.004) 

hindfoot sagittal ROM in the TAR patient cohort (15.1°) compared to the AA cohort (10.2°). 

The authors also observed that the range of forefoot sagittal motion was greater in TAR (9.3° 

versus 5.8° in AA; p = 0.004), as well as significantly higher (p = 0.008) maximum ankle power 

(1.16) compared to AA (0.32). However, sagittal ROM of the hindfoot and forefoot was 

significantly lower in both TAR and AA patients compared with the control group (p = 0.000). 

Sanders et al. (2021) also found that TAR patients produced significantly greater sagittal ROM 

compared to AA patients, post-operatively (21.1° versus 14.7°, p = 0.003). In addition, forefoot-

tibia motion (25.3 ± 5.9° versus 18.6 ± 5.1°, p = 0.015) and hindfoot-tibia motion (15.4 ± 3.2° 

versus 12.2 ± 2.5°, p = 0.022), were significantly higher in the TAR patient cohort. Both studies 

suggest better intersegmental motion tendency than AA, which would be a more effective 

treatment for end-stage ankle OA. However, both the MFM are limited by a short follow-up 

period that was comparable to most of the SFM ankle literature (1 to 3 years post-surgery). With 

patients developing end-stage ankle OA being generally younger than hip and knee patients, it is 

critical that studies consider the immediate-to-long-term effects of both surgical interventions.  
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The majority of the gait studies limited their analysis to the ankle and did not consider the 

intervention’s effect on the lower kinetic chain, which is vitally important to consider since the 

segments of the lower limb are a linked system (Dubbeldam et al., 2013). In the studies which 

considered the neighbouring joints following ankle surgery, there was moderate evidence to 

suggest that TAR patients increased their sagittal ROM at the hip and knee post-operatively 

(Brodsky et al., 2011; Hahn et al., 2012; Choi et al., 2013; Segal et al., 2018). In contrast, the AA 

patients exhibited limited post-operative change in knee ROM, but an increase on average of 

4.77° in hip ROM (Deleu et al., 2020a). This supports the notion that arthritic patients 

compensate more at the hip than at the knee during reduced ankle sagittal ROM (Segal et al., 

2018). It is now apparent that future gait studies must use MFMs, coupled with 3D lower limb 

models and intermediate follow-up periods, to avoid erroneous kinematic data and to enhance 

the understanding of the functional compensatory adaptations occurring at the adjacent foot 

joints following TAR and AA.  

1.4.7 The Bologna-Oxford Ankle  

This thesis focuses on the BOX® ankle, manufactured by MatOrtho Ltd (Leatherhead, UK). 

The name refers to the collaborative effort between researchers of the Istituto Ortopedico Rizzoli 

(Bologna, Italy) and Oxford Orthopaedics Engineering Centre (Oxford, UK) and was first 

implanted in 2003. Since 2010, there have been 796 BOX® ankle procedures, which makes up 

11.2% of the overall market share in the UK during this time period (NJR, 2021). The BOX® 

ankle is a three-component MB implant, with a cobalt-chrome-molybdenum (CoCrMo) alloy 

component fixed to the body of the talus and the distal part of the tibia, along with an interposed 

UHMWPE meniscal bearing (Figure 14) (Bianchi et al., 2021). The BOX® ankle was designed 

specifically to maintain physiological joint mobility amongst the implanted components and 

retained ankle ligaments (Leardini and O’Connor, 2002). This is achieved through allowing the 

ligaments to function naturally, controlling passive mobility, thus permitting an adequate ankle 

ROM (Leardini et al., 2004).  

The implant has been shown to achieve full congruity of the articulating surfaces throughout the 

entire ROM, due to the spherical, convex tibial component and the talar component with a longer 

radius of curvature in the sagittal plane than the natural talus (Leardini, 2001; Leardini and 

O’Connor, 2002; Leardini et al., 2004). The conventional UHMWPE insert is bi-concave, which 

allows full conformity with the metallic articulating surfaces, regardless of joint position during 

motion (Giannini et al., 2011). The BOX® ankle also possesses hydroxyapatite coating at the 

bone implant interface (Figure 14), which promotes cementless bone ingrowth and 

osseointegration (Bianchi et al., 2021).  

The BOX® ankle has shown promising clinical outcomes, with an overall survivorship of 97% 

at a mean follow-up of 58 months (Najefi et al., 2019a) and 6.5 years (Giannini et al., 2017), 

respectively. The former study found no reports of implant loosening in the radiographs of 75 
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patients, while the later demonstrated significant improvements in in pain and function in 34 

consecutive cases of the BOX® ankle. However, a more recent retrospective study evaluating 

the long-term results with a minimum of ten years follow-up of primary BOX® ankle cases (80 

patients) demonstrated a lower survival rate of 66% (Bianchi et al., 2021). Although, the survival 

patients were found to have good clinical outcomes and satisfaction rates (97%), through the use 

of the American Orthopaedic Foot and Ankle Society (AOFAS) and Visual Analogue Scale 

(VAS) scoring systems. Several other studies on different TAR designs have been published with 

an average follow-up of ten years (Henricson and Carlsson, 2015; Koivu et al., 2017; Di Iorio et 

al., 2017; Frigg et al., 2017; Palanca et al., 2018; Clough et al., 2019; Krishnapillai et al., 2019). 

Most of these long-term studies focused on the Scandinavian Total Ankle Replacement (STARTM; 

Stryker) prostheses, which is another MB device available on the UK market. The cumulative 

revision rates for this device were found to vary between 63.3-80.6%, which is comparable to the 

BOX® ankle. This verifies that MB designs possess considerably lower survival rates compared 

to modern day hip and knee implants.  

 

There have been only two previous studies which have focused on the gait mechanics of the 

BOX® ankle. Ingrosso et al. (2009) showed that patients fitted with the BOX® ankle possessed 

significantly improved AOFAS outcome scores, spatiotemporal, and sagittal ROM at one-year 

post-surgery compared to arthritic pre-surgery values. The second study combined both 3D 

fluoroscopic and gait analysis techniques to assess 20 BOX® ankles during stair climbing at 12 

months post-surgery (Cenni et al., 2013). The study detailed comparable kinematics and 

electromyography patterns between the operated and non-operated ankles (Cenni et al., 2013). 

Fluoroscopic analysis detailed the consistent and smoothed paths of motion, with sizeable 

coupled rotations and anterior/posterior (AP) translation of the meniscal bearing, indicating that 

the BOX® ankle design permits natural motions and translations for the ankle joint (Cenni et al., 

2013). The results from both studies suggest the BOX® ankle is capable of improving ankle 

Figure 14. The three components of the BOX® ankle: tibial component (above), UHMWPE 
meniscal component (in between), talar component (below). Adapted from the MatOrtho Ltd 
Operative Technique (MatOrtho Ltd, 2015).  
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motion at a short-term follow-up. Thus, future studies should focus on the longer-term 

biomechanical performance, to ensure that the BOX® ankle can maintain the promising 

kinematic adaptions.  

1.5 Fundamentals of Biotribology 

Tribology is described as the discipline of interacting surfaces during movement (Dowson, 2012). 

When interacting surfaces are part of the body, including joint replacements, the term 

biotribology is favoured, and encompasses the principles of friction, lubrication and wear (Di 

Puccio and Mattei, 2015).  

1.5.1 Friction 

Friction has previously been expressed as the resistance preventing the relative movement of two 

contacting surfaces (Figure 15) (Hall et al., 2001). The resistance between the two surfaces is 

produced from the need to shear, alongside roughness and ploughing components producing 

overall frictional force. Friction is calculated using the coefficient of friction (f), which is defined 

as the ratio between the magnitudes of the frictional force (T) and the normal force (N) at the 

surface interface (Equation 1.1). 

 

Equation 1.1: 

𝑓 =
 T 

N
 =  

𝑇

𝑁
 

Equation 1.1 explains the first law of friction, which is that frictional force produced is directly 

proportional to the normal load (Di Puccio and Mattei, 2015). The second and third laws state 

that the frictional force is independent of the apparent contact area and of the sliding velocity, 

respectively.  

Figure 15. Free body diagram of forces in sliding contact, where the (W) is the weight of the 
body, (N) is the normal force exerted by the surface, (P) is the horizontal external force, and (T) 
is the frictional force exerted by the surface. 
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At the microscopic scale, most polished surfaces are uneven, exhibiting jagged projections termed 

"asperities" (Figure 16) (Hall et al., 2001). The majority of TARs possess metal-on-polyethylene 

articulating surfaces, so contact occurs between the asperities of the articulating surfaces, rather 

than the whole surface. It is thought that friction is the consequence of adhesion and deformation 

processes. Adhesion is the resistance to separating the articulating surfaces from each other, and 

deformation at the asperity junctions (Rabinowicz and Tanner, 1966). Adhesive bonds form 

between the asperities of the two contacting surfaces and energy is needed to break these bonds 

to allow motion, which is usually known as frictional resistance (Hall et al., 2001). Deformation 

may occur in TAR when the harder metallic surfaces plough into the softer UHWMPE meniscal 

insert during motion (Di Puccio and Mattei, 2015).  

The subsequent change in surface roughness of the articulating surfaces will affect frictional and 

wear properties over time, which can be separated into ‘run-in’ and ‘steady-state’ phases. After 

initial implantation of an implant, the ‘run-in’ wear phase will be exhibited, due to elevated friction 

associated within sufficient lubrication and wearing of the higher polyethylene asperities (Nečas 

et al., 2020). Steady-state phase is characterised by a continuously increasing wear rate due to the 

removal of surface films and higher asperities. The polishing effect during articulation reduces 

the contact asperity ratio of the surfaces, reducing the frictional force effect and allowing the 

implant to articulate smoothly for a longer duration (Nečas et al., 2020).  

 

 

1.5.2 Lubrication 

As friction produces energy dissipation, leading to enduring surface deformation, lubrication can 

be presented to a system to support mobility through separating and regulating the contacting 

asperities, thus lowering the associated frictional force (Di Puccio and Mattei, 2015). Lubrication 

is known to be one of the most efficient approaches of decreasing frictional factor and 

subsequently delaying the onset of wear debris production (Sagbas, 2016). The lambda ratio is a 

commonly used to determine the distance in contacting asperities of the articulating surfaces 

Figure 16. Microscopic detail of a real surface contact, displaying asperities on the articulating 
surfaces.  
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(Mattei et al., 2011). The ratio is calculated using the minimum film thickness (hmin) and 

composite surface roughness of the two surfaces (Rac), as shown in Equation 1.2.  

Equation 1.2: Lambda ratio 

λ =  
ℎ𝑚𝑖𝑛

𝑅𝑎𝑐
  

The Stribeck curve is usually used to show the coefficient of friction in relation to the lambda 

ratio in three distinct lubrication regimes (Figure 17) (Lu et al., 2006). The first regime is ordinarily 

known as boundary lubrication (λ < 1), where the lubricant thickness is related to the magnitude 

of molecules present (Dowson, 2012). Penetration of the lubrication film may occur in this 

regime, resulting in increased asperity contact and production of wear debris (Dowson, 2012). As 

the thickness of the lubricant layer increases, fluid film lubrication occurs (λ ≥ 3), which causes 

the surfaces to be completely separated and protects the articulating surfaces from wear (Stewart, 

2010). This lubrication regime can be further separated into hydrodynamic and 

elastohydrodynamic lubrication (EHL).  

During hydrodynamic lubrication regime, the pressure of the lubricant equilibrates the loading, 

which causes reduced frictional forces and wear (Jin et al., 2006). As the two surfaces slide against 

each other, the hydrodynamic pressure in the fluid film rises and the fluid film is able to bear the 

normal load (Stewart, 2010). EHL occurs when the pressure in the fluid film increases and/or 

the fluid film itself becomes too thin, resulting in the fluid film being unable to bear the normal 

load and elastic deformation of the bearing surfaces occurs (Dowson, 2012). Despite the elastic 

deformation, the bearing surfaces remain not in contact. However, with an increase in load, 

reduction of sliding velocity or the viscosity of the lubricant decreases, the hydrodynamic forces 

within the lubricant may become insufficient to maintain the thin lubricant layer between the 

bearing surfaces. This is when boundary lubrication becomes the pre-dominant lubrication phase, 

resulting in contacting of the surface asperities. The mixed lubrication regime incorporates 

features from boundary and fluid film lubrication (Figure 17). This regime possesses reduced 

friction and wear compared to the boundary regime, but higher than fluid film, dependent upon 

the levels of asperity contact (Jin et al., 2006; Dowson, 2012).  

The abscissa in Figure 17 is represented as the Sommerfeld number (z), and for a particular 

geometry is relative to the lubricant viscosity (η), entraining velocity (u), and applied load (W) 

(Equation 1.3). 

Equation 1.3:  

𝑧 =  
ηu

𝑤
 



37 

 

 

Boundary lubrication is indicated by a constant co-efficient of friction with an increasing 

Sommerfeld number, while the fluid film regime is indicated by an increasing friction factor and 

Sommerfeld number, which is accounted for by the viscous shear in the lubricant (Dowson, 

2012). Mixed lubrication has an increased Sommerfeld number compared to boundary 

lubrication, due to the higher loads being disseminated between the asperity contacts and 

lubricant film, which reduces the coefficient of friction (Sagbas, 2016).  

The pressurisation of the fluid occurs as a result of the relative velocity at the bearing surfaces, 

with an increase in sliding velocity causing the formation of a thicker lubricant film (Houdková 

et al., 2017). However, when a fluid thickness becomes much larger than the surface roughness, 

this can result in internal frictional forces between the fluid layers, causing an additional frictional 

force to the artificial joint (Shen et al., 2019). Apart from its influence on the formation of a 

lubricant film, sliding velocity also has been reported to cause a deposition of the proteins on the 

bearing surfaces (Saikko, 2003). Protein precipitation may alter the lubricant regime, with an 

increased volume being related to the depletion of the soluble proteins within the lubricant and 

their ability to maintain boundary lubrication at the bearing surface (Lu and McKellop, 1997). A 

study by Zhang et al. (2008) demonstrated that sliding velocity had an effect on temperature at 

the bearing surfaces of an amorphous poly-ether–ether–ketone (PEEK) coating, which could 

affect the rate of protein adsorption (Lu and McKellop, 1997). Moreover, changes in temperature 

may affect lubricant viscosity, thus resulting in changes of the lubricant regime (Scholes and 

Unsworth, 2006). Therefore, it is important to mimic the sliding velocity of new in vivo artificial 

joints when carrying out simulator based studies before clinical applications. 

Figure 17. Stribeck curve used to demonstrate the lubrication regime. 
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Most TAR devices on the worldwide market are made up from metallic tibial and talar 

components, divided by a meniscal UHMWPE insert. In this type of artificial joint, the in vivo 

lubrication regime between the metallic and polyethylene surfaces is usually considered be 

boundary lubrication. Contacting asperities are unavoidable due to the soft and rough UHWMPE 

surface (Sagbas, 2016), resulting in wear of the components and generation of polyethylene wear 

debris particles. The machining of the UHMWPE inserts produce the high surface finish and can 

only obtain particular resolutions, which causes relatively significant residual surface roughness 

and results in overall boundary lubrication regime. 

The lubricants used during biotribological simulations have a direct influence on the friction and 

wear characteristics of the joint replacement. It is widely documented that the proteins within the 

synovial fluid are sensitive to the nanostructure of the articulating surfaces (Shen et al., 2019), 

causing increased friction through the arrangement of a passive protein layer (Heuberger et al., 

2005). Deionised water was previously used during in vitro wear studies of hips and knees, 

however, research identified quantities of material transfer from the soft UHMWPE to the 

metallic bearing surfaces, indicating the lack of an active protein layer (Cooper et al., 1993). This 

material transfer has been found to roughen the bearing surfaces, resulting in an increased wear 

rate (Shen et al., 2019).  

A more commonly used lubricant in wear simulations is newborn calf or bovine serum, which 

when combined with a sodium azide additive, can reproduce the protein concentration of the 

natural joint capsule (Shen et al., 2019). Using bovine serum has been found to produce no 

indefinable material transfer from the polymer to the metal bearing surfaces, which symbolises 

protein adsorption and formation of a boundary layer on the articulating surfaces (Scholes and 

Unsworth, 2006; Saikko, 2006). Conversely, the protein concentration degrades overtime in the 

simulator environment, due to the increased heat generated, so there is a restricted duration of 

time for optimal lubricant, before implant wear rate is affected (Liao et al., 1999). Active protein 

films at concentrations higher than 10-17g/L are also connected with diminished implant wear 

(Brown and Clarke, 2006). Therefore, it is important to control the temperature, concentration 

and volume of the lubricant during wear simulation of joint replacements.  

1.5.3 Wear 

Wear is the surface damage or material loss between contacting asperities of the articulating 

surfaces (Szeri, 2010). There is no specific correlation to friction, but wear will generally decrease 

with the introduction of a lubricant (Dowson, 2012). Archard developed the first wear model in 

1956 to measure worn volume (V) (Equation 1.4), where: K is (non-dimensional) wear 

coefficient; N the normal load; s the sliding distance; and H the material hardness (Archard and 

Hirst, 1956).  
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Equation 1.4:  

𝐴 = 𝐾𝑁𝑠/𝐻 

Several mechanisms of wear have been identified in the literature and will normally occur in 

combination during motion (Jin et al. 2006). Abrasive wear is due to the action of hard metallic 

asperities or third-body particles that plough through the softer polymer bearing surface (Di 

Puccio and Mattei, 2015). Abrasive wear is inversely proportional to surface material hardness 

and can be reduced with improved surface finish (Wang et al. 1998). Adhesive wear is recognised 

when material from one bearing surface is transferred or attached onto another during movement 

(Sagbas, 2016). During continued articulation, the transferred material may loosen and produce 

third-body wear (Rabinowicz and Tanner, 1966). Adhesive wear is proportional to both load and 

sliding distance, while inversely proportional to material hardness at the bearing surface (Di 

Puccio and Mattei, 2015). Surface fatigue is due to the repeated cyclic loading of the polymer 

asperities, which causes increased localised stresses that surpasses the fatigue strength of the 

material, resulting in fracture and debris detachment (Jin et al. 2006). Erosive wear is produced 

during motion when material is lost from the solid surface that is in contact with a fluid containing 

solid particles (Sagbas, 2016). Finally, corrosive wear is produced by chemical or electrochemical 

reactions between surface materials, in which metal ions are released and regulate oxidative wear 

(Jin et al. 2006). 

The consequence of wear is not only associated to diminished function and replacing 

components, but the unfavourable influence on the body due to the production of wear particles 

(Jin et al., 2006). During loading, wear particles are produced during motion at the articulating 

surfaces of an implant (Kandahari et al., 2016). As previously mentioned, most TARs are 

manufactured from metal (tibial and talar components) and UHMWPE (meniscal inserts). 

Conventional UHMWPE has been associated with producing significant wear debris, which can 

eventually cause periprosthetic osteolysis (Tipper et al., 2006). It is hypothesised that the 

magnitude and volume of wear particles will influence the host’s immune response, and are a 

function of implant design, material combinations and stresses applied to the implant (Kandahari 

et al., 2016). Wear particles produced from conventional UHMWPE generally range from 10nm 

to 1mm (Tipper et al., 2006). Larger wear particles (>20 μm) stimulate multinucleated giant cell 

development and may become osteolytic (Ingham and Fisher, 2005). It is the smaller wear 

particles, in the 0.1–1.0 μm range that are, however, believed to increase biological activity 

(Tipper et al., 2000; Green et al., 2000; Ingham and Fisher, 2005).  

At the cellular level, the UHMWPE wear particles provoke an inflammatory reaction from the 

neighbouring or permeating osteoclasts, macrophages, and dendritic cells in the surrounding 

tissue at the bone-implant interface (Figure 18) (Bitar and Parvizi, 2015). Large numbers of 

macrophages become increasingly activated and produce pro-inflammatory cytokines, such as 



40 

 

tumour necrosis factor-α (TNF-α) and interleukins, IL-1β, IL-6 and IL-8 (Tipper et al., 2001), 

which contribute to further inflammation. Cytokine secretion may result in the activation of 

osteoclasts, which are the cells that resorb bone at the bone-implant interface (Figure 18) (Cobelli 

et al., 2011). Previous research identified that conventional UHMWPE wear debris measuring 

0.24 μm, caused the greatest bone resorption rate and cytokine production in an in vitro mouse 

model (Green et al., 2000). This imbalance in normal bone metabolism can develop into aseptic 

loosening at the bone-implant interface, and the eventual requirement for revision surgery (Bitar 

and Parvizi, 2015). 

In an attempt to moderate wear particle production, highly cross-linked polyethylene (XLPE) 

inserts were developed (Oral and Muratoglu, 2011). XLPE goes through a manufacturing process 

of high-energy irradiation (gamma or electron beam), which causes the carbon-hydrogen chains 

to break, producing free radicals, which combine with adjacent molecules to establish cross-

linking between the polymetric chains (Bracco et al., 2017). The residual free radicals in an oxygen 

rich environment may initiate oxidative degradation, resulting in polyethylene embrittlement and 

ultimate failure of the device (McKellop et al., 1999a; Muratoglu and Bragdon, 2016). Therefore, 

the XLPE is stabilised using thermal treatments (annealed or melted) to eliminate the remaining 

free radicals (Bracco et al., 2017). The melting of polyethylene at high temperatures increases the 

removal of the free radicals, but causes microstructural changes, leading to a reduction in ultimate 

strength and fatigue resistance (Ries and Pruitt, 2005). The annealing method attempts to 

preserve the mechanical properties, but is not as effective at removing the excess free radicals 

and causes reduced oxidation stability of the XLPE (Muratoglu and Bragdon, 2016).  

 

Figure 18. Schematic of periprosthetic inflammation and aseptic osteolysis. Adapted from 
Cobelli et al. (2011). 
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The combined effect of irradiation and thermal treatment has shown to improve oxidation 

resistance and implant wear in XLPE compared to conventional UHMWPE in THR (Kurtz et 

al., 2011) and TKR (Minoda et al., 2009; Paxton et al., 2015; Meneghini et al., 2016). However, 

the wear particles produced from XLPE have been reported to be in the smaller, more 

biologically active range of 0.1–1.0μm (Endo et al., 2001), which may develop into periprosthetic 

osteolysis and subsequent aseptic loosening. The issue surrounding polyethylene fatigue 

resistance has also prohibited the widespread adoption of XLPE in TARs, with only two current 

systems using XLPE (Trabecular Metal Total Ankle; Zimmer Biomet, Warsaw, USA and Cadence 

Total Ankle System; Integra LifeSciences, Plainsboro, USA). There is limited clinical data 

supporting the use of XLPE in the ankle. A short-term follow-up study of 55 Trabecular Metal 

Total Ankles (range: 24.0-39.8 months) found an implant survival rate of 93%, with none of the 

revisions relating to polyethylene fracture (Barg et al., 2018).  

There is also limited published data from wear simulations (Section 1.6.3) and the effects of wear 

mediated osteolysis in TAR. Yoon et al. (2014) determined that 37 of the 99 TAR radiographs 

had evidence of osteolysis. Although these osteolytic lesions were relatively inactive, this does 

raise concerns regarding modern TARs because of their high incidence and potential for later 

mechanical failure as compared to AA (Yoon et al., 2014). Other studies have shown that MB 

designs are associated with a significantly higher percentage of cysts (22.1%) when compared to 

FB (11.5%) implants (Arcângelo et al., 2019). A similar trend has been found at the knee joint, 

with the finding being attributed to the size of the wear particles produced due to the increased 

ROM at the joint (Huang et al., 2002; Huang et al., 2007).  

1.6 Wear Simulation  

Hip and knee implants are successful surgical interventions for the long-term management of 

OA, and this is a result of years developing preclinical experimentation techniques to understand 

the biotribological performance of such implants (Mujukian et al., 2020). Joint wear simulators 

are well-known mechanical machines used to mimic the intended use and physiological 

conditions of the implant in vivo (Affatato and Ruggiero, 2020). There are multiple factors that 

contribute to the wear of a joint replacement. Some parameters can be controlled such as, 

material pairing, surface finish, and conformity. Meanwhile, other parameters are determined by 

the patient, for example, loading, joint kinematics, and patient activity levels.  

All implant information from the published wear studies on TAR is summarised in Table 1, 

including: implant model; metallic alloys for the tibial and talar components; and the 

manufacturing process for the polyethylene insert. The wear simulator information for each 

study, including: the number of samples; simulator stations; simulator manufacturer; simulator 

control (force or displacement); lubricant used; polyethylene type; implant design (mobile or 

fixed); number of cycles run; and reported mean wear rate of each experiment, is summarised in 

Table 2.  
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1.6.1 Simulator Inputs  

The relative numbers of TAR wear simulator studies are limited and presently use a small range 

of standard test conditions, compared to both THR and TKR studies. There is also a lack of 

specialised pre-clinical ankle simulators available on the market, meaning that all the studies used 

knee simulators. This involved inverting the TAR device to accommodate flexion about the 

constant radius of the talar component, so that internal/external rotation (IER) and AP 

displacement was applied at the tibial component (Section 2.3.2). The applied load and kinematic 

motion for each wear simulator study is presented in Table 3. 

Table 3. Applied ranges of load and motions in previous ankle wear simulations. 

AL = Axial Load; DF = Dorsiflexion; PF = Plantarflexion; IR = Internal Rotation; ER = External 
Rotation; AP Anterior-Posterior. *Study was run under force control. †Study did not specify minimal axial 
load value. ‡Study did not specify a degree range. §Due to IE torque of -6.1 to +0.3Nm. ¶Due to AP force 
of -268 to +129N.  
 

Most wear studies used a peak axial load (AL) ranging from 3000-3188 N, which were based on 

previous ankle cadaveric models by Stauffer et al. (1977) and Procter and Paul (1982), who 

predicted maximum loads equivalent to 4.5 to 5 times BW of a 70 kilogram (kg) individual (3150 

N) (Section 1.2.6). Two of the studies used significantly lower maximum AL of 1600 N (Affatato 

et al., 2007) and 1890 N (Reinders et al., 2015b), respectively. The authors from both these studies 

claimed that this load was more comparable to TAR patients, when compared to the higher loads 

calculated from healthy cadaveric feet. Conversely to the other authors, Postak et al. (2008) used 

a static load of 3000 N throughout the range of sinusoidal motion, instead of the more traditional 

dynamic loading. This method does not truly reflect the varying load that occurs throughout the 

stance phase of walking, so the wear rate from the study should be dealt with caution. All the 

studies barring Postak et al. (2008) also used a swing phase load of 100 to 200 N to maintain joint 

contact, in an attempt to imitate soft tissue tension that occurs in natural gait. The inconsistent 

loading profiles throughout the studies make it difficult to draw conclusions regarding 

UHMWPE wear. 

Seven of the eight wear studies used comparable tibial IER ROM, ranging from a peak internal 

rotation of approximately -2° to a maximum external rotation of 8°. This range was selected from 

a previous gait study by Lamoreux et al. (1971), while the peak external rotation angle of 8° was 

Study 
Axial 

Load (N) 
DF (-)/PF (+) 

(°) 
IR (-)/ER (+) 

(°) 
AP Displacement (mm) 

Bell et al. (2007) 100 to 3100 -10.0 to +15.0 -2.0 to +8.0 -1.5 to +1.5 

Affatato et al. (2007) 
100 to 
1600† 

-10.0 to +20.0 -2.6 to +7.7 0 to +8.45 

Postak et al. (2008) 3000 -10.0 to +20.0 -2.0 to +2.0 -2.5 to +2.5 

Kincaid et al. (2013) 
100 to 
3188† 

-16.0 to +15.2 -2.0 to +8.0 -1.5 to +1.5 

Bischoff et al. (2015) 200 to 3188 -16.0 to +15.2 -2.0 to +8.0 -1.5 to +1.5 
Reinders et al. (2015b)* 200 to 1890 -14.9 to +14.9‡ -12.0 to +14.7§  +3.7 to +6.6¶ 

Smyth et al. (2017) 100 to 3150 -15.0 to +15.0 -2.3 to +8.0 
-2 to +7 followed by 

reduction to -0.9 to +3.1 

Schipper et al. (2018) 200 to 3188 -16.0 to +15.2 -2.0 to +8.0 -1.5 to +1.5 
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determined from a previous study which calculated this value with the use of electro-goniometric 

exoskeletons (Calderale et al., 1983). Postak et al. (2008) used a much lower maximum external 

rotation angle (2.0°) compared to the other authors, which failed to justify the data this was cited 

from. All of the studies used displacement control to simulate rotation angles. However, Reinders 

et al. (2015b) controlled internal and external torque (10.3 to 26.1 Nm) and measured the resulting 

degrees of rotation (-12.0° to +14.7°). 

The greatest variation in simulator input studies is AP displacement, with the ROM between 2.9 

and 9.0 mm. Seven of the eight studies did not express the origin of their AP displacement profile, 

with values being largely limited in the ankle literature. Smyth et al. (2017) defined AP motion 

using data from Conti et al. (2006), which involved fluoroscopic analysis of 10 TAR patients 

during weight bearing dynamic gait conditions and resulted in 3.5 mm AP displacement ROM 

during stance. The studies reviewed can be separated into two cohorts dependent on whether the 

AP displacement range was small or large. Five studies used a relatively small AP translation, with 

an overall narrow distribution of 2.9 to 3.0 mm, in an attempt to avoid dislocation during 

simulation (Bell and Fisher, 2007; Kincaid et al., 2013; Reinders et al., 2015b; Bischoff et al., 2015; 

Schipper et al., 2018). The remaining three studies used a larger AP translation, ranging from 5.0 

to 9.0 mm (Affatato et al., 2007; Postak et al., 2008; Smyth et al., 2017). Smyth et al. (2017) was 

the only study to define where the AP translation profile was attained and also investigated the 

effect of varying AP magnitudes (4 mm to 9 mm) on implant wear rate (Section 1.6.3).  

All studies also applied a dorsi-/plantarflexion ROM of approximately 30°, which is consistent 

with previous kinematic cadaveric studies (Section 1.2.5) (Stauffer et al., 1977; Ounpuu, 1990). It 

is also significant that none of the published simulator studies on TAR controlled medial-lateral 

(ML) translation or more importantly inversion/eversion. This is likely due to limitations in the 

experimental set up to kinematic inputs in six degrees of freedom (DoF) or due to the authors 

wanting to simulate motion at the true ankle joint, without including version occurring about the 

subtalar complex. 

1.6.2 Wear Rates and Limitations 

The wear rates for each simulator study are shown in Table 2. The first published TAR wear 

simulator by Bell and Fisher (2007) found that after 5 million cycles (Mc) and no AP 

displacement, wear rate was higher in the Buechel–Pappas™ device (10.4 ± 11.8 mm3/Mc) 

compared to the Mobility (3.4 ± 10.0 mm3/Mc). After the inclusion of AP translation (5-6 Mc), 

mean wear rate significantly increased for both devices (Buechel–Pappas™ = 16.4 ± 

17.4mm3/Mc; and Mobility 10.4 ± 14.7mm3/Mc). However, the inserts had already been worn 

and potentially damaged from the previous 5 Mc of kinematic inputs, which may have been the 

responsible for the subsequent increased wear rate. This does come as a limitation, as this does 

not truly represent the effects of AP on the wear rates, particularly with AP displacement high 

variability within the ankle literature. With AP motion only being applied during the final Mc, it 
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did not allow for the authors to truly determine the effects of this parameter on wear behaviour. 

There was, however, no significant differences in mean wear rate identified between TAR models 

before and after the introduction of AP translation. This finding may be influenced by the 

relatively small sample size in this study (n = 3). Small sample size was also apparent in all other 

studies apart from Kincaid et al. (2013), which was the only study to attain the sample size of 6 

implants recommended in the recent ISO 22622:2019. This produced high variability and large 

confidence limits (CL) in the wear rates measured, making it difficult to draw specific conclusions 

in TAR wear rates. 

Affatato et al. (2007) reported a mean wear rate of 18.6 ± 12.8 mm3/Mc (range: 7.5-31.7 

mm3/Mc) for four BOX® ankles, with this being the only study to have examined the wear 

behaviour of this specific TAR model. The slightly higher wear rate may be associated with the 

reduced simulator period of 2 Mc. Reinders et al. (2015b) also determined a comparable wear 

rate of 18.2 ± 1.4 mm3/Mc after 3 Mc of force controlled kinematics. The higher wear rate from 

both these studies compared to the other simulations, could be associated with the inserts 

transitioning from ‘run-in’ to ‘steady-state’ wear, with the wear rate increasing due to the polishing 

effect at the insert surface interface (Section 1.5.1). All of the other studies attained a minimum 

simulation of 5 Mc, which is now recommended in the ankle specific ISO 22622:2019. The 

reduced testing duration, coupled with the use of deionised water as the testing lubricant (Section 

1.6.5) are distinctive experimental limitations in this study.  

Both Affatato et al. (2007) and Reinders et al. (2015b) applied reduced loads 1600 N and 1890 N 

respectively, which are equivalent to 2.32 and 2.57 times BW (Section 1.6.1) of a 70kg individual. 

This reduced load does not appear to have caused significant differences in wear rate compared 

to most of the other studies which used conventional UHMWPE (Bell and Fisher, 2007; Postak 

et al., 2008; Smyth et al., 2017; Schipper et al., 2018). This finding supports the notion that wear 

rate is not proportional to increased loads, due to the relationship being linear between load and 

contact area (Liu et al., 2011). This was also verified by Schipper et al. (2018), as in their 

conventional UHMWPE inserts, the wear rate was comparable (18.0 ± 1.4 mm3/Mc) under a 

load that was approximately double (3188 N). However, there remains too many differences 

between the simulator studies mentioned for this to be the only factor.  

The relatively high variability in wear rates between samples in Affatato et al. (2007) paper were 

subsequently related to the differing wear patterns, with two samples displaying multidirectional 

scratching and burnishing, while another exhibited no apparent signs of wear on the tibial 

component. The variability in wear patters may result from mal-positioning of the device during 

serum changes or damage caused during simulator calibration. These issues could have occurred 

in the other studies, but was not reported on by the authors for their variability between samples.  
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During the following year, Postak et al. (2008) used much simpler kinematics to test the wear 

behaviour of five STAR devices, finding a wear rate of 5.7 ± 2.1 mm3/Mc. The substantially 

lower wear rate and variability between samples in this study compared to the other simulations 

and designs is likely a combination of the simplified static loading conditions (Section 1.6.1), 

longer simulator duration (10 Mc 5 Mc) and number of implants used. Smyth et al. concluded 

that TAR wear rate is greatly reliant on increased tibial IER within the gait profile (Smyth et al., 

2017). The study demonstrated that the addition of 11° rotation caused a statistically significant 

increase in implant wear to 25.8 ± 3.1 mm3/Mc (Smyth et al., 2017). Therefore, the smaller 

rotational ROM used in this study is another significant condition that caused the reduced wear 

rate compared to the other studies. Conversely, the other studies used more physiologically 

accurate profiles in an attempt to replicate ankle ROM in vivo.  

The study by Kincaid et al. (2013) used a higher number of specimens (n = 6), which were XLPE 

and found a comparably reduced wear rate of 3.3 ± 0.4 mm3/Mc at 2 Mc. The authors determined 

that the reduced wear rates compared to previous studies is attributed to both design features 

and XLPE within the bearing couple (Section 1.6.3). However, this study was an abstract and 

limited information was available to truly assess their selected methodology. Bischoff et al. (2015) 

measured the effect of XLPE on implant wear against a conventional UHMWPE semi-

constrained Zimmer Trabecular Metal device. Using a similar kinematic profile to that of Bell 

and Fisher (2007), the study demonstrated that XLPE (2.1 ± 0.3 mm3/Mc) reduced wear rate 

significantly compared to the conventional UHMWPE (8.0 ± 1.4 mm3/Mc) design. The most 

recent published study also found that the crosslinking process reduced wear rate compared to 

conventional UHMWPE (18.0 ± 1.4 mm3/Mc and 2.2 ± 0.3 mm3/Mc) after the same simulation 

period of 5 Mc (Schipper et al., 2018). However, unlike the implants used in Bischoff et al. (2015), 

the implants were not identical, which created a confounding variable (Schipper et al., 2018). In 

particular, variation in clearance between implant types may have influenced the wear rate. The 

locking system on the polyethylene liner was different between implant types, which meant that 

the conventional UHMWPE system required alteration of its metallic tibial tray to enable to 

successful removal of the liner. Although this modification did not influence wear or produce 

back-side wear, this does not represent in vivo wear behaviour.  

Reinders et al. (2015b) published the only force-controlled TAR simulator study, which produced 

an overall wear rate of 18.2 ± 1.4 mm3/Mc. The slightly higher wear rate was likely due to the 

increased rotational kinematics applied (as shown by Smyth et al. 2017), alongside the reduced 

testing duration of 3 Mc, compared to the other wear simulations. The forces and torques were 

calculated using mathematic models and inverse kinematics from healthy participant gait data, 

which does not represent the gait mechanics of the TAR patient population (Section 1.4.5). 

Furthermore, the validly of these modelling techniques is unknown and isn’t categorically 

verified, as no data exists of TAR in vivo loading.  



48 

 

The simulation study by Smyth et al. (2017) was the longest in duration (12 Mc), which compared 

the varying combinations of rotations and displacements at 2 Mc intervals, in order to determine 

parameter influence on wear rate (Smyth et al., 2017). Unidirectional inputs with no AP 

displacement produced wear rates of 1.2 ± 0.6 mm3/Mc, while the addition of 11° of rotation 

and 9 mm of AP displacement (ROM), caused a significant increase in the wear rate to 25.8 ± 

3.1 mm3/Mc (Smyth et al., 2017). However, when changing to a lower AP displacement of 4 mm, 

there was no significant difference in wear rate (ranging from 11.8 to 15.2 mm3/Mc). The reduced 

4 mm of AP, coupled with rotation, resulted in a wear rate of 13.3 ± 2.5 mm3/Mc. This stage of 

the study was used to drive some of the simulator studies within this thesis.  

A previous THR wear study highlighted that varying simulator designs produce differing wear 

results when using the same implant design (Affatato et al., 2008). International Organisation for 

Standardisation (ISO) documentation has been published, providing recommendations for 

experimental methodology and simulator input parameters, to accurately predict the clinical wear 

behaviour of THR (ISO 14242-1:2014) and TKR (ISO 14243-3:2014). Only recently, ISO 

22622:2019 was published for TAR wear simulations. Thus, the wear studies have not yet utilised 

the new guidelines and as a result there are a variety of simulator inputs and experimental 

conditions in the literature. The wear rates can be influenced by many factors such as simulator 

input profiles, lubrication, temperature, and the centre of rotation specific to each centres 

protocol. This it makes it difficult to compare wear rates directly, although does provide a useful 

benchmark for future TAR wear simulations.  

1.6.3 Conventional versus Cross-liked Polyethylene 

The obvious difference in wear rates in TAR studies is the use of XLPE, which presented mean 

wear rates, ranging from 2.1 ± 0.3 to 3.3 ± 0.4 mm3/Mc (Kincaid et al., 2013; Bischoff et al., 

2015; Schipper et al., 2018), which is significantly lower than the mean wear rate (range: 3.4 ± 

10.0 to 25.8 ± 3.1 mm3/Mc) from conventional UHMWPE studies (Bell et al., 2007; Affatato et 

al., 2007; Postak et al., 2008; Reinders et al., 2015b; Smyth et al., 2017). As discussed in Section 

1.5.3, the crosslinking process removes free radicals, which have been shown to trigger oxidative 

degradation and compromises the material properties of the polyethylene insert (Bracco et al., 

2017). Assessment of the wear performance in the three studies that compared XLPE and 

conventional UHMWPE in the same ankle design and simulator parameters also demonstrated 

a 73.6%, 74.0% and 88.0% reduction in wear when using XLPE (Kincaid et al., 2013; Bischoff 

et al., 2015; Schipper et al., 2018). However, the varying experimental methodologies and implant 

designs make it difficult to directly compare XLPE and conventional UHMWPE between 

studies. Each study failed to determine the effect of XLPE under varying implant and simulator 

parameters, or address the potential reduction in fatigue resistance of the XLPE due to reduced 

toughness (Bracco et al., 2017). There are also no MB devices on the market which have selected 

to use XLPE. 
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1.6.4 Force versus Displacement Control 

Another crucial consideration in designing TAR studies is whether to run the simulator under 

force or displacement control. Most of the studies mentioned used force control to measure AL, 

while joint kinematics (dorsi-/plantarflexion; IER; and AP displacement) were run under 

displacement control. Reinders et al. (2015b) were the only authors to use torsional moments to 

mimic IER and force control to generate AP displacement. Force controlled simulators attempt 

to mimic the effects of the passive structures (capsule; soft tissue; and ligaments) on the 

kinematics at the joint, resulting in a more physiologically relevant wear simulation (Abdelgaied 

et al., 2017). However, the mean wear rate from Reinders et al. (2015b) study was comparable to 

the displacement controlled studies using conventional UHMWPE. Further research by Ho et al. 

(2020) demonstrated that force control simulation in a cadaveric model of 12 feet, produced 

comparable magnitudes of IER and AP displacement specified by ISO 22622:2019 using 

displacement control. The study also demonstrated that the implementation of force controlled 

simulators may present uncertainties in the resultant motion, through imitating the passive 

structures, making it difficult to reproduce the same experimental conditions when comparing 

different TAR designs, materials and investigators (Ho et al., 2020). Therefore, the simulator 

complexities and substantial costings related with force controlled simulations may not be 

justified in TAR research.  

1.6.5 Simulator Lubrication  

Seven of the eight wear simulator studies used bovine serum with varying volume, additives and 

protein concentrations, produced to mimic the synovial fluid of the natural joint capsule (Table 

1). Affatato et al. (2007) were the only authors to use deionised water as their testing lubricant, 

which may have contributed to the higher wear rate (18.6 ± 12.8 mm3/Mc) after 2 Mc. Water or 

saline solution was the most commonly used lubricant fluid in the first 15 years of wear simulator 

studies due to being easily obtained, inexpensive and it did not degrade overtime (Brown and 

Clarke, 2006). However, simulator studies have shown inconsistent wear rates compared to 

clinical implant wear (Brown and Clarke, 2006). Using water as a lubricant does not result in a 

protective adsorbed layer of protein molecules on the bearing surfaces, which is found when 

using bovine or new born calf serum and provides surface protection during the stance phase of 

gait (Mavraki and Cann, 2011). This means that boundary lubrication prevails, through the 

increased load and reduced sliding distance during contact, thus creating a slow speed and high 

contact pressures. Therefore, in water, there is penetration of the fluid film, causing an increased 

friction and release of wear particles during articulation between the metallic (hard) and the 

asperities at the polyethylene (soft) bearing surfaces, resulting in the increased wear rate published 

in Affatato et al. (2007).  

In metal-on-polyethylene THRs studies using water as the testing lubricant, there is prominent 

signs of polyethylene transfer from the liners to the femoral heads, which is not reported in vivo 
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(Cooper et al., 1993). Besides, the transfer of material could roughen the counterface, resulting 

in the increased wear rate when using water as the testing lubricant. This finding also 

demonstrates the lack of an active protein layer, which has been found in vivo and in vitro studies 

(Campbell et al., 1995; Wang et al., 1995). Wear particles produced in simulations using water 

were large flake-like particles, with some being several millimetres across (Wang et al., 1996a). In 

contrast, serum lubrication produces extremely small wear particles, mostly of submicron size 

which are rounded or elongated in shape (Wang et al., 1996a). This is similar to wear debris found 

in retrieved peri-prosthetic tissues removed during revision of THR (Shanbhag et al., 1994) and 

further highlights the reason why water has been abandoned as a testing lubricant. This was a 

limitation of the paper by Affatato et al. (2007) and was acknowledged by the authors in their 

paper. 

The rest of the papers used bovine serum as their testing lubricant, which has been shown to 

replicate the formation of a tribofilm, which transpires naturally in the joint and ultimately 

produces a realistic wear rate (Brown and Clarke, 2006). Bovine serum has also been shown to 

eliminate the presence of material transfer from the polyethylene to the metallic components in 

artificial joints, through the formation of a protein boundary layer (Brown and Clarke, 2006). 

Low concentrations of proteins in the testing lubricant can have a negative effect on implant 

wear, while high protein concentrations can result in protein degradation and precipitation that 

mask the polyethylene wear (Lu and McKellop, 1997). The ratio of albumin to gamma-globulin 

of bovine serum has also been shown to influence wear rates. An increased albumin/gamma-

globulin ratio from 0.8 to 4, the wear rate increased by 50% in UHMWPE acetabular cups after 

1 Mc (Wang et al., 2004). Controlling the ratio between 0.82 and 2.0, as well as diluting the bovine 

serum to 20 mg/mL (to reduce the protein concentration found in raw serum), produced wear 

rates of UHMWPE similar to that seen clinically. Therefore, the selection of the protein 

concentration is crucial when using organic serum as the testing lubricant to produce wear rates 

within the reported clinical range of joint replacements.  

1.6.6 Fixed versus Mobile Design 

The large variability in experimental methodologies makes it challenging to extract consequential 

differences between FB and MB designs. Both design types demonstrated comparable wear rates 

in the studies which used implants containing conventional UHWMPE. This appeared to 

contrast with data from a previous TKR comparator study, which showed that MB devices 

exhibited significantly lower wear (7.34 ± 1.81 mm3/Mc) than a FB design (22.12 ± 6.02 

mm3/Mc). The improved wear resistance was related to the transition of knee rotation into 

unidirectional motion at the metallic-insert articulating interfaces (McEwen et al., 2001). The 

unidirectional motion improves wear resistance, due to the UHMWPE expressing strain 

hardening features with the lamellar crystals being able to rotate and realign along the direction 

of deformation (McEwen et al., 2001). However, the study by Smyth et al. (2017) demonstrated 
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that with the addition of rotation and displacement, the wear rate of the MB device increased 

multi-directional motion on the unconstrained articulating surfaces, resulting in comparable wear 

rates between implant designs. The influence of cross-shear and multidirectional motion is 

discussed in much more detail within Chapters 3 and 4, alongside the comparison between FB 

and MB implant designs.  

1.6.7 Wear Simulator Summary 

The wear data presented in this section supports the notion that implant wear, independent of 

implant design, is significantly affected by implant and simulator experimental conditions. 

Therefore, this thesis will focus on both the effect of varying implant and simulator parameters 

on the wear behaviour of a MB implant. The development of further simulator studies is essential 

to enhance their predictive capability, under varying implant and simulator conditions, in order 

to fully understand the wear behaviour of TAR and subsequently improve overall clinical 

outcome. 

1.7 Summary of the Literature Review 

The ankle is a complex joint vulnerable to developing OA, with almost 30,000 patients being 

referred to specialist ankle surgeons annually and over 1.7 million adults in the UK are diagnosed 

with OA of the foot and ankle (Goldberg et al., 2012). Trauma is considered the most frequent 

cause of ankle OA (Thomas and Daniels, 2003), which is commonly referred to as PTOA (Chou 

et al., 2008). The prevalence of ankle OA may further increase, as being active or taking part in 

sports, have both being associated with increased risk of repeated ankle sprain or fracture, leading 

to the onset of PTOA (Hintermann and Ruiz, 2014). Typically, PTOA is associated with a 

younger population (Barg et al., 2013), so it is essential that treatment options allow successful 

motion preserving capabilities.  

AA remains surgeon’s number one choice for treating ankle OA (Gowda and Kumar, 2012), 

which provides pain relief and well-documented long-term survivorship (Haddad et al., 2007; 

Kim et al., 2017; Lawton et al., 2020). However, AA leads to altered gait mechanics and 

mechanical loads that can cause the degeneration of adjacent degeneration (Wu et al., 2000; 

Coester et al., 2001; Beyaert et al., 2004; Thomas et al., 2006). In the last decade, TAR has 

increased in popularity as a motion preserving alternative to AA, but limited gait studies exist that 

directly compare both surgical interventions (Piriou et al., 2008; Hahn et al., 2012; Singer et al., 

2013; Flavin et al., 2013; Segal et al., 2018; Stone et al., 2021). The main reported benefit of TAR 

over AA is the conservation of existing pre-operative sagittal ROM and improved walking speed 

post-surgery. However, the majority of this research utilised SFM, which do not account for the 

motion at the adjacent foot joints, resulting in inaccuracies in ankle kinematics (Pothrat et al., 

2015). More recent comparator studies have begun using MFM to determine the kinematic 

effects of the adjacent joints (Seo et al., 2017; Sanders et al., 2021), but are limited by short follow-
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up periods post-surgery and neglect the influence TAR has on compensatory mechanisms at the 

hip and knee joints.  

Although TARs seem to have improved gait mechanics and may resolve the issue surrounding 

adjacent joint degeneration, TAR is not without its own surgical complications. Aseptic loosening 

has been attributed to wear-mediated osteolysis (Glazebrook et al., 2009), through the production 

of wear debris and is the main contributor to early device failure (Henricson et al., 2007; Espinosa 

et al., 2017). Failure of an implant, which is defined by the NJR as removal of primary implant 

components (revision) is low for both THR and TKR (NJR, 2021) and falls within the 

Government guidelines (NICE), which stipulate that revisions should not exceed 5% at 10 years. 

This clinical success contributes to the large numbers of THR and TKR surgeries that are 

undertaken annually. Although the newer generation of TARs have shown improved survival 

rates at short-to-intermediate follow-up periods when compared to AA surgery (Veljkovic et al., 

2019; Lawton et al., 2020), long-term outcomes of TAR remain unsatisfactory in comparison to 

THR and TKR. It is proposed that this apparent lack of clinical success is key in the low numbers 

of TARs implanted, relative to the potential demand. 

The development of a successful TAR has been further restricted by limited research undertaken 

in the field. TAR has not been subject to the same pre-clinical testing and validation requirements 

as THR and TKR, as it has only recently been given an equivalent medical device classification. 

The relative numbers of TAR wear simulation studies are severely limited and experimental 

protocols are widely varied, compared to hip and knee studies (Affatato et al., 2007; Bell and 

Fisher, 2007; Postak et al., 2008; Kincaid et al., 2013; Bischoff et al., 2015; Reinders et al., 2015b; 

Smyth et al., 2017; Schipper et al., 2018). Current TAR wear studies have failed to truly recognise 

the influence of varying implant and simulator parameters on the same implant design. In 

addition, no published studies have utilised the newly developed ISO 22622:2019 under force or 

displacement control, which was introduced to reduce the clear experimental variability between 

research sites.  

Investigating both the in vitro and in vivo behaviour of TARs has highlighted how far behind the 

curve they are compared to THR and TKR, and has emphasised the need for further 

investigation. Therefore, the overall aim of this PhD was to determine the biomechanical and 

wear behaviour of a third generation MB TAR using a combination of gait analysis and 

experimental simulation methodologies. Enhancement of pre-clinical in vitro TAR simulations 

under varying implant and simulator parameters, coupled with comparing gait mechanics of 

different surgical interventions is important, in order to inform future device development, in 

terms of biomechanical and wear performance. 
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CHAPTER 2 

METHOD DEVELOPMENT 

2.1 Introduction 

Pre-clinical tribological simulation is a well-documented methodology used to predict the 

mechanical and wear behaviour of contemporary designs and materials during prosthesis 

development (Mattei et al., 2011). In vitro wear studies are used to confirm that joint replacements 

attain acceptable safety and performance measures before being implanted in humans (Ali et al., 

2016). Wear simulator studies of THR and TKR are commonly reported in the literature, under 

a range of experimental conditions, designed to determine the wear behaviour of the implant 

(Fisher, 2012). Knee wear simulators have also been used effectively in representing ankle 

kinematics to establish the wear of different TAR designs (Affatato et al., 2007; Bell and Fisher, 

2007; Bischoff et al., 2015; Reinders et al., 2015b; Smyth et al., 2017; Schipper et al., 2018). The 

use of a knee simulator rather than an ankle specific simulator, promotes an increased rate of 

implementation of the experimental methodology, when compared to the TAR simulation 

literature. Therefore, this Chapter aimed to outline the simulator methods and experimental 

conditions employed for each wear study detailed in Chapters 3 and 4, to further understand the 

influence of varying implant and simulator parameters on TAR wear behaviour.  

2.2 Materials 

As one of the most implanted MB devices in the UK (NJR, 2021), the BOX® ankle (MatOrtho 

Ltd, Leatherhead, UK) was used throughout the simulator studies. The three-component MB 

prosthesis consists of cast cobalt-chrome-molybdenum (CoCrMo) alloy tibial and talar 

components, separated by an unconstrained low calcium medical grade UHMWPE insert (PUR 

1020; MatOrtho Ltd, Leatherhead, UK). The insert was placed in gas-impermeable film 

packaging, evacuated, and back filled with nitrogen, before being sterilised by gamma irradiation 

with a Co60 source to 25-35 kGy, giving a sterility assurance level of 10-6 (Giannini et al., 2011). 

The bi-concave meniscal insert was designed to fully conform to the metallic articulating surfaces, 

regardless of joint position (Giannini et al., 2011). 

The distal tibial component has a convex, spherical articulating surface which interacts with the 

superior, concave spherical insert surface (Giannini et al., 2011). The tibial component also 

possesses two parallel cylindrical bars running anteroposteriorly on the proximal flat surface, 

designed to improve osseointergration of the device (Giannini et al., 2011). The radius of 

curvature of the talar component is larger than that of the natural talus, allowing fibres within the 

calcaneofibular and tibiocalcaneal ligaments to experience isometric loading during passive joint 

motion (Leardini et al., 2004). This design feature also provides lateral stabilisation of the ankle 

through restraining inversion in the neutral or dorsiflexed position (Golanó et al., 2010). For the 

cementless component-to-bone fixation of the BOX® ankle, both the non-articulating metallic 
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surfaces are covered with small cast-in balls and coated by plasma spray with a 50-mm-thick layer 

of hydroxyapatite (Giannini et al., 2011). 

A range of implant sizes were chosen for the simulator studies (Table 4), to determine the 

influence this parameter may have on implant wear (Chapter 3). The thinnest conventional 

UHMWPE insert (5 mm) was selected for each implant size, to create the highest risk situation. 

Increasing the thickness of the conventional UHMWPE insert has previously been demonstrated 

to produce a more uniform distribution of contact pressure (Kakkar and Siddique, 2011) and 

decrease the von Mises stresses (Martinelli et al., 2017) in TARs. This is consistent with Bartel et 

al. (1986), who demonstrated that in knee implants, contact stresses increase as the thickness of 

polyethylene decreases. Maintaining the insert thickness also nullified the effect of varying liner 

thickness on the implant wear rate. Additional conventional UHMWPE inserts were immersed 

in the lubricant for the duration of each wear test and used to compensate for moisture uptake 

(Galvin et al., 2009).  

Table 4. Implant size dimensions for the extra small, small and medium BOX® ankle. 

*AP = Anteroposterior length; ML = Mediolateral width 

2.3 Simulator Methods 

A second generation ProSim pneumatic knee simulator (KSpn; Simulation Solutions, Stockport, 

UK) was used in the initial wear simulation study to determine the influence of implant size on 

wear behaviour (Chapter 3). The same simulator has successfully been used to determine the 

wear of varying TKRs designs (Brockett et al., 2012). KSpn consisted of six stations divided 

across two banks of three (Figure 19), with each station being supplied with its own air for 

pneumatic control. Each station had six DoF, with four controlled axes of motion (Table 5). The 

AL, tibial IER and AP displacement were all controlled pneumatically, while flexion/extension 

(FE) motion was applied electromechanically. The positive directions of these motions within 

KSpn, are highlighted in Figure 20. The bespoke fixtures fixed the ML displacement (Section 

2.3.3), while abduction/adduction was allowed to move passively, due to the simulators inability 

to actively control this motion.  

The studies within Chapters 3 and 4 were undertaken to determine the influence of specific 

implant and simulator parameters, which resulted in each study being run under displacement 

control. The implementation of force control simulation, while physiologically more accurate in 

representing the soft tissue effect on implant wear, may introduce uncertainties in the resulting 

motions (Reinders et al., 2015b). Using force-controlled simulators has also been found to cause 

 UHMWPE Insert Talar Component Tibial Component 

 ML (mm) AP (mm) ML (mm) AP (mm) ML (mm) AP (mm) 

Medium 26.00 23.20 29.00 38.20 29.00 35.00 

Small 24.00 20.50 27.00 33.91 27.00 30.00 

Extra Small 20.65 20.50 23.00 31.74 23.00 30.00 
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increased inter-station variability and reduced reproducibility when comparing between TAR 

designs (Ho et al., 2020). The use of displacement control was therefore selected as the most 

appropriate option to determine the wear behaviour of the same implant design. 

 
 

Table 5. ProSim Pneumatic Knee Simulator (KSpn) Simulator Controls. 

 

 

 

 

2.3.1 Simulator Inputs 

The relevant loading and motion profiles were defined from a recent MB implant wear simulation 

performed at the University of Leeds (UoL) (Smyth et al., 2017), and will be referred to as the 

UoL profile (Figure 21). The authors derived each simulator profile using a MATLAB 

(Mathworks) coding function to interpolate intermediary time points throughout the gait cycle 

from published gait and simulator studies.  

2.3.1.1 Axial Load 

A peak AL of 3150 N was selected for the simulation, which was equivalent to 4.5 times BW of 

a 70kg individual. The peak AL was selected as it laid within the capacity of the simulator and 

published values (Seireg and Arvikar, 1975; Stauffer et al., 1977; Procter and Paul, 1982; Simonsen 

et al., 1995; Glitsch and Baumann, 1997; Sharkey and Hamel, 1998). In a more recent study, a 

swing phase load of 100N was applied, which aimed to replicate the natural soft tissue tension 

and ensured continued contact between the articulating surfaces of the implant (Smyth et al., 

Simulator Input Input Type Simulator Control 

Axial Load (AL) Force Pneumatic 

Flexion/Extension (FE) Displacement Electromechanical 

Internal/External Rotation (IER) Displacement Pneumatic 

Anterior/Posterior Displacement (AP) Displacement Pneumatic 

Figure 19. Six station predominately pneumatic driven ProSim Knee Simulator (KSpn; 
Simulation Solutions, Stockport, UK).  
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2017). The AL profile was applied in phase with the FE, tibial IER, and AP displacement 

kinematic profiles, in relation to the gait cycle (Figure 21). 

 

2.3.1.2 Flexion/Extension 

The peak values of 15° (-) dorsiflexion (flexion within the simulator) and 15° (+) plantarflexion 

(extension within the simulator) were selected (Smyth et al., 2017) (Figure 21). This resulted in 

30° of sagittal plane motion and fell within the measured ROM from the majority of previous 

gait and simulator based studies (Stauffer et al., 1977; Ounpuu, 1990; Novacheck, 1998; Rao et 

al., 2006; Nester et al., 2007; Bell and Fisher, 2007; Piriou et al., 2008; Ingrosso et al., 2009; Flavin 

et al., 2013). 

2.3.1.3 Internal/External Rotation 

When defining the tibial IER profile, it was important to distinguish between previous studies, 

which presented motions of the AJC rather than specific talocrural joint articulation. It also 

ensured the motions were being applied in correspondence to a similar coordinate system 

measured in the natural ankle (Smyth et al., 2017). The UoL profile produced by Smyth et al. 

(2017) exhibited 2.3° of internal rotation (-) and 8° of external rotation (+) (Figure 21), resulting 

Axial Load (+) 
 

Internal 
Rotation (+) 

Adduction 
(-) 

 

Abduction 
(+) 

Posterior (+) 

 

Anterior (-) 

 

Lateral (+) 

 
Medial (-) 

 

External 
Rotation (-) 

 

Flexion (-) 
  

Extension (+) 

 

Figure 20. Axes of rotation and translation on a knee simulator for a left ankle. 
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in a ROM of 10.3°. The tibial IER peak and ROM selected for the simulations corresponded to 

the earlier ankle literature (Moseley et al., 1996; Smith et al., 2001; Arndt et al., 2004; de Asla et 

al., 2005; C Nester et al., 2007; Lundgren et al., 2008; Ingrosso et al., 2009).  

2.3.1.4 Anterior/Posterior Displacement 

Smyth et al. (2017) used values at varying data points of the stance phase, taken from the 

displacement profile for the natural ankle reported by Conti et al. (2006), to define the profile 

shape. Peak anterior translation of 7 mm (+) and peak posterior translation of 2 mm (-) were 

selected to represent TAR AP displacement (Figure 21). Peak anterior translation input value was 

programmed to occur at the same time point in the gait cycle as peak plantarflexion and tibial 

external rotation (Figure 21). The overall ROM of 9 mm for AP displacement is comparable to 

that of the limited number of studies measuring AP motion within natural or replaced ankles 

(Komistek et al., 2000; de Asla et al., 2005; Conti et al., 2006).  

In the study by Smyth et al. (2017), different gait conditions (six test stages) were explored every 

Mc for a total of 12 Mc to determine the influence of kinematics on implant wear. During stage 

5, a reduced AP displacement ROM of 4 mm (+3.1 mm peak anterior displacement and -0.9 mm 

peak posterior displacement) was found not to have a significant impact on volumetric wear rate 

of a MB implant (Smyth et al., 2017) and was therefore selected for the wear simulations in this 

thesis.  
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Figure 21. Knee simulator input profiles (UoL) for AL (red), FE (blue), tibial IER (yellow), and 
AP displacement (green). Adapted from Smyth et al. (2017).  
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2.3.2 Simulator Input Translation  

The lack of an ankle-specific simulator meant that each implant had to be inverted in KSpn, so 

that flexion could be applied about the constant radius of the talar component in the superior 

position (Figure 22). The tibial component, as given by ISO 14243-3:2014 (wear of TKR under 

displacement control), remained the tibia, while the femoral component became the talar 

component of the TAR.  

Inverting the TAR within the knee simulator has been extensively used in displacement-

controlled TAR publications (Affatato et al., 2007; Bell and Fisher, 2007; Kincaid et al., 2013; 

Bischoff et al., 2015; Smyth et al., 2017; Schipper et al., 2018). IER is measured as the motion of 

the foot relative to the tibia, which occurs at the tibial articulation in a TAR (Smyth et al., 2017). 

As the rotation is applied to the tibial component, the direction of the IER must be reversed. 

The AP displacement was also applied to the tibial component, driving it in the opposite 

direction. Moving the tibial component anteriorly enabled the natural posterior motion of the 

talus. This meant that the displacement profile was deemed anterior when the joint contact lies 

anterior to the midline of the talus (Smyth et al., 2017). With few gait and simulator studies 

available which measured AP displacement, the AP profile produced by Smyth et al. (2017) may 

not fully represent the natural AP motion in the TAR population. However, it is still important 

to understand the combined effect this parameter may have on implant wear.  

 

Figure 22. Schematic drawing demonstrating the loads and motions of a left-sided device (left) 
relative to the inverted simulator positioning (right). Adapted from MatOrtho (2020). 
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2.3.3 Talar Fixtures  

Six Delrin fixtures were designed and manufactured for each implant size. Each talar fixture was 

specifically fabricated to align with the centre of rotations, conform to the structure of the talar 

component and mimic the surgeon positioning of the implant. The constant radius of the 

medium, small, and extra small talar components to the bearing surface was 36°, 33° and 31.5°, 

respectively. To fix the talar components to the manufactured fixture, a 1mm layer of cement 

had to be accounted for when positioning to the simulator centre of rotation. The centre of 

rotation was aligned with the flexion cradle, which was fixed at 68mm for each implant size, due 

to simulator dimensions (Appendix A.1 and ).  

2.3.4 Component Set-up 

The talar components were cemented into the bespoke Delrin talar fixture using Poly (methyl 

methacrylate) (PMMA). The cavity of the tibial fixture was cemented with PMMA, with the 

rotation and displacement cradle situated in the neutral position and in line with the talar 

component (Figure 23). The metallic components were positioned to ensure the insert was 

central within the TAR and the whole implant aligned neutrally. A bespoke weight was used to 

hold the position of the tibial component in place whilst the cement cured. 

 

2.3.5 Contact Areas 

To verify the central alignment of the articulating surfaces of each TAR, a Microset (Microset 

101 FF, Microset Products Ltd, UK) two-part polymer was applied to the metallic surfaces. The 

insert was set in the centre of the tibial component and the talar component was then lowered to 

Figure 23. Tibial and talar component setup within ProSim Pneumatic Knee Simulator (KSpn; 
Simulation Solutions, Stockport, UK). 
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initiate contact. A load of 1000 N was then applied to determine the contact area of the insert on 

the metallic surfaces (Figure 24). This process was repeated after every Mc to ensure continued 

alignment, and the samples were rotated around the simulator stations to compensate for any 

inter-station variation.  

 

2.3.6 Calibration  

The Institute of Medical and Biological Engineering (iMBE) calibration protocol was followed at 

the start of each simulator study. The calibration involved applying known AL and displacements 

to each station, while measuring the Linear Variable Differential Transformer (LVDT) positional 

output parameters. For each station, AL was calibrated using an externally calibrated load cell, 

fixed between the FE cradle and an existing Delrin block (Figure 25). A cam box applied a load 

to the calibrated load cell and the load applied was entered into the simulator. Five loads of 

increasing value were applied, and a calibration report was produced.  

Existing fixtures were used to calibrate the IER and AP displacement through 5º (10° to -10°) 

and 5 mm (-10 mm to 10 mm) increments, respectively (Figure 25). A digital inclinometer was 

attached to the flexion cradle used to give an angular measure of FE displacements at 5º 

increments. The calibration compared the calibrated load cell to the simulator load cell. The 

calibration scale and offset generated by the simulator was the gradient and y offset of the data, 

which gave the best line of fit of the simulator load cell to the calibrated load cell. Calibration 

constants were derived from the known orientations at each motor position. This ensured that 

the simulator output values gave an accurate representation of the actual loads and displacements. 

Providing that the new calibration constant inputted was closer to the calibrated load cell reading, 

the recorded measurements for each of the simulator inputs were recorded directly onto the 

calibration software of the simulator. An example simulator calibration report for station 1 from 

one of the wear studies is presented in Appendix B, while the simulator calibration record for 

each study is presented in Appendix C.  

Figure 24. Contact areas of the talar (left), UHMWPE insert (middle), and tibial (right) 
components, demonstrating central alignment.  
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2.3.7  Simulation Preparation  

Prior to wear simulation, each conventional UHMWPE meniscal insert was etched on the top 

corner of the lateral side, to distinguish between individual samples. The inserts were then washed 

following the American Society for Testing and Materials (ASTM) F1714-96 (2018) guidelines, 

which involved three stages of cleaning: soapy water; Distel disinfectant (Tristel, UK); and 

ultrasonic washing. The inserts were then left to dry and placed in a balance room for 48 hours. 

This allowed the inserts to equilibrate in a controlled environment of constant temperature (20ºC 

± 1ºC) and humidity (40% ± 5%) (Smyth et al., 2017). After this rest period, the inserts were 

weighed using an XP26 Analytical Microbalance (Mettler Toledo, Leicester, UK). The 

conventional UHMWPE inserts were then immersed in deionised water and stored at room 

temperature for a minimum of two months prior to the wear simulation, to ensure fluid 

absorption effects were accounted for (Wang et al., 1998; D’Lima et al., 2001). After the two-

month period, the inserts were removed from soak and cleaned, before being left to dry and 

acclimatise to the conditions of the controlled environment in the balance room for 48 hours.  

2.3.8  Frequency 

The frequency of the simulator was set to mimic natural walking gait, which was approximately 

60 steps per minute (Kamali et al., 2010). This corresponds to a frequency of 1Hz and was 

calibrated by monitoring the frequency of the cycles using a stopwatch for at least 100 seconds 

after each serum change. 

2.3.9  Lubrication  

To simulate in vivo wear conditions, the contacting surfaces of the tibial and talar components 

were immersed in a fluid test medium to mimic the synovial fluid of the natural joint. The use of 

distilled water has previously been shown to be insufficient, as it produces varying lubrication 

Figure 25. ProSim Pneumatic Knee Simulator (KSpn) load (left) and rotation/displacement 
(right) calibration set-up. 
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regimes, wear particles and wear patterns in knee tibial inserts (Schwenke et al., 2005). Bovine or 

new-born calf serum is considered the most clinically relevant lubricant for wear studies of joint 

replacements and is recommended by the ISO standards for THR (ISO 14242-1:2014/Amd 

1:2018), TKR (ISO 14243-3:2014) and TAR (ISO 22622:2019). However, there is no generally 

accepted levels of protein ratio that has been stipulated for wear simulation, with different 

laboratories using varying concentrations and compositions of serum.  

Each TAR investigated was secured in chambers filled with 450 mL of lubricant, which consisted 

of 25% (v/v) new-born calf serum (Thermo Fisher Scientific, Paisley, UK) diluted with 0.04% 

(v/v) sodium azide solution (Severn Biotech Ltd, Kidderminster, UK), to prevent phosphate 

precipitation and bacterial degradation (Smyth et al., 2017). The resulting lubricant contained 

between 15.75g/L to 16.00g/L of protein (Appendix D), which has previously been claimed to 

imitate natural joint lubricant (Saari et al., 1993). The serum was stored in a frozen environment 

(-20°C) to reduce microbial contamination. The study was conducted at room temperature to 

reduce the risk of protein deposition and denaturation at increased temperatures, which may have 

led to potential artefact formation (Cowie et al., 2016). 

2.4 Gravimetric Measurement Method 

Gravimetric assessment for each wear study was performed on the Mettler Toledo XP26 

Analytical Balance (Mettler Toledo, Leicester, UK). This methodology is the most common 

technique used to quantify volumetric wear of joint replacements and is recommended for use in 

the ISO standards of THR (ISO 14242-1:2014/Amd 1:2018), TKR (ISO 14243-3:2014) and TAR 

(ISO 22622:2019). Using this technique, the conventional UHMWPE inserts were weighed 

before and after each Mc and the difference of the two measurement values was calculated 

(Sagbas and Durakbasa, 2012).  

Before each measurement session, the balance doors were opened and closed repeatedly until the 

balance gave a reading of 0 mg, which allowed the balance to equilibrate with the room 

environment. The laboratory temperature (20ºC ± 1ºC) and humidity (40% ± 5%) was recorded 

at the start and end of each weighing session; to minimize fluctuations that may influence the 

measurements (ASTM F2025-06, 2018). The balance was calibrated using a metal control pin of 

known weight (1.6165 g), ensuring the balance remained stable during weighing. The Mettler 

Toledo XP26 Analytical Balance had a resolution of 1 µg.  

Gloves were worn to place the conventional UHMWPE insert on the balance and left for a 

minimum of five minutes to allow the balance to settle. The inserts were passed through an active 

anti-static (internal ioniser), designed to continuously generate both positively and negatively 

charged ions at the electrodes. These act to neutralise the charges on the insert surface, without 

creating any disruptive air currents. This process eliminated any electrostatic charge, which can 

cause drifting measurement readings, longer stabilisation times, and non-repeatability of results. 
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The inserts were placed centrally in the balance and the weight for each insert was recorded. Each 

insert was weighed sequentially until five consecutive measurements were within ±0.005 mg of 

each other. The balance was ensured to return and settle at zero after each measurement. A mean 

of the five weights was determined for each conventional UHWMPE insert and used to calculate 

the mean volumetric wear.  

Volumetric wear was calculated by dividing the weight loss, considering the effect of fluid 

absorption through the soak controls, by the density of the UHMWPE insert (935.5 kg/m³), 

which lies in the middle of the ISO 5834-2:2019 (Equation 2.1). The net change in mass was used 

to calculate the mean wear rate for each implant size under different experimental conditions.  

Equation 2.1 Volumetric Wear Equation: 

𝑊𝑛 =   𝑊𝑎𝑛 +  𝑆𝑛 

𝑊𝑛 = net mass loss 

𝑊𝑎𝑛 = average uncorrected mass loss 

𝑆𝑛 = average mass increase for the soak control 

2.5 Simulation Duration and Serum Changes 

The simulator was run in Mc sections and the lubricant was changed every 330,000 cycles to 

ensure a sustained protein content was present. Each station was washed thoroughly with soapy 

water and Distel disinfectant, before being dried, wiped using 70% iso-propanol/water, and fixed 

back into the correct station with newly made serum. The implants were repositioned in different 

stations after each Mc, to compensate for inter-station variability. The simulator was visually 

checked every 24 hours to ensure it was functioning properly and was able to reproduce the 

desired kinematic inputs (Section 2.6).  

2.6 Loading and Kinematic Performance 

KSpn automatically recorded 1 out of every 20,000th cycle, with the output kinematics from each 

station being averaged across the six stations. This gave an overall output profile for the four 

simulator input parameters. In addition, the differences between the input and output loading 

and kinematic values were calculated as a percentage of the corresponding maximum demanded 

value. These differences were then averaged for the six stations and compared to the demand 

input profile and peak values, within a ± 5% maximum tolerance of the output kinematics. This 

method was also used to determine the level of loading and kinematic profile variability between 

the simulator stations during each wear study. 

Adequate tuning of the Proportional–Integral–Derivative (PID) control parameters were 

performed to reduce the differences between simulator kinematic output and input profiles. This 

process was also carried out to minimise inter-station variability between Mc segments, 
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particularly where the implants were moved around the stations of the simulator. PID tuning 

involves five processes: the potential gain value (P); integral gain value (I); differential gain value 

(D); tuning profile; and scale of the tuning profile.  

The potential gain was the value between the applied and desired kinematics. If this was set to 

high then the desired value would have been overshot, causing oscillations in the output profiles 

throughout the gait cycle. Integral gain accounted for past values simulated and integrated them 

over time, while differential gain involved the best estimate for future trend of the applied input, 

based on the current rate of change. The tuning profile adjusted the applied input kinematics, 

which was done at the same point the deviation between profiles occurred. A similar method was 

used for scaling of the applied profiles to mimic the desired input profile. The tuning process 

was performed at each serum change and was checked on several occasions during the first 24 

hours after. 

2.7 Surface Roughness Measurements 

A two-dimensional (2D) contacting profilometer (Form Talysurf PGI800; Taylor Hobson, 

Leicester, UK) was used to assess the surface roughness and associated parameters of the 

articulating surfaces of the varying implant sizes before and after each wear study (Figure 26). 

This contact measurement technique has successfully been used in earlier TAR research at the 

UoL (Bell and Fisher, 2007; Smyth et al., 2017). This method utilised a 2 µm conical tip stylus to 

take five 2D surface traces in the ML direction on the four articulating surfaces. The stylus was 

coupled with a transducer, which converted the vertical motion into an electrical signal. The part 

of the stylus contacting the material was a diamond tip with a carefully manufactured shape, 

defined in ISO 3274:1996.  

A single long trace was used for the tibia and superior insert surfaces, to ensure the full 

representation of the articulating surfaces. The more curved geometry of the talus and inferior 

insert meant that a single trace would cause the failure of the Gaussian regression, which was 

used to extract the waviness profiles. Therefore, each trace for the talar and inferior insert 

surfaces was segmented into three sections: the medial slope (red), central region (blue), and 

lateral slope (green) (Figure 27). Five ML traces were spaced across the articulating surface of 

each TAR (Figure 28). The sample traces used for measuring the surface roughness for the 

different TAR sizes are shown in Tables 6-9. The medial measurement defines the distance from 

the most medial point on the articulating surface and the posterior measurement defines the 

distance from the most posterior point on the articulating surface (for the first trace only).  

A Gaussian regression (least squares arc) filter was applied to each of the articulating surfaces 

(ISO 16610-21:2011). In accordance with ISO 4288:1996 and the Taylor Hobson guidelines, an 

upper roughness cut-off filter (Lc) of 0.25 mm was used for the metal components, whereas a 

0.8 mm cut-off was applied to the UHMWPE surfaces (Smyth et al., 2017). The lower cut-off 
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(Ls) was 0.0025 mm and 0.008 mm for the metallic and UHMWPE insert surfaces, respectively. 

The cut-off is a filter, which was used to separate the wavelengths of the components. For 

example, the 0.8 mm cut-off for the metallic components allowed wavelengths below 0.8 mm to 

be assessed with wavelengths above 0.8mm being reduced in amplitude. A 100:1 bandwidth ratio 

was selected for both materials, which is the ratio between the Lc cut-off (upper) and Ls cut-off 

(lower) values. A trace speed of 0.5 mm/s was selected for both material surfaces. Despite later 

changes in roughness, the parameters remained unchanged to ensure the results were comparable 

throughout each study.  

 

 

 

A 

 

B 

D C 
 the 

Figure 26. Form Talysurf PGI800 (A) used to measure the surface roughness of the UHMWPE 
insert (B), tibial (C), and talar (D) articulating surfaces. 
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Table 6. Surface roughness trace information for the tibial component. 

 
Table 7. Surface roughness trace information for the superior insert. 

 
Table 8. Surface roughness trace information for the inferior insert. 

 
Table 9. Surface roughness trace information for the talar component. 

 

 

 Trace Length (mm) Trace Space (mm) Medial (mm) Posterior (mm) 

Medium 25 6 2 6 
Small 23 5 2 5 

Extra Small 19 5 2 5 

 Trace Length (mm) Trace Space (mm) Medial (mm) Posterior (mm) 

Medium 19 4 2 3 
Small 18 3 2 4 

Extra Small 14 3 2 4 

 Trace Length (mm) Trace Space (mm) Medial (mm) Posterior (mm) 

Medium 23 6 2 8 
Small 20 6 2 5.5 

Extra Small 18 5 2 5 

 Trace Length (mm) Trace Space (mm) Medial (mm) Posterior (mm) 

Medium 20 6 2 6 
Small 19 3 2 4 

Extra Small 15 3 2 4 

Figure 27. The segmentation process for the talar (left) and superior insert (right) roughness 
traces. 

Figure 28. Sample traces of the tibia (A), superior insert (B), inferior insert (C) and talus (D) 
articulating surfaces of the BOX® ankle. 
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It is important to measure the surface roughness of each TAR, as previous in vitro testing on THR 

and TKR has demonstrated that conventional UHMWPE wear increases in the presence of 

counter face scratches perpendicular to the direction of motion, which can lead to subsequent 

implant failure (Cooper et al., 1991; Jones et al., 2001; Scholes et al., 2012). Therefore, several 

roughness indices were used to assess the surface topography of the articulating surfaces of each 

TAR.  

The average surface roughness (Ra) is the arithmetic average of the absolute values of the profile 

heights over the evaluation length. The maximum profile peak height (Rp) represents the distance 

between the highest point of the profile and the mean line within the evaluation trace, while the 

maximum profile valley depth (Rv) is the distance between the deepest valley of the given profile 

and the mean line within the evaluation trace (Figure 29) (Cowie and Jennings, 2021).  

 

Skewness (Rsk) signifies the asymmetry of the profile around the mean line. Pre-dominant 

profiles at peaks above the mean are reflected in positive skewness, while negative skewness refer 

to profiles prevalent in deep valleys (Figure 30) (Cheikh et al., 2021). A normally distributed 

profile has a skewness value of zero. For the metallic components, a higher Rp or more positive 

Rsk, is more likely to have poor lubricant retention, due to the lack of deep valleys in which to 

retain lubricant traces (Figure 30) (Leach, 2010). Surface kurtosis (Rku) provides a measure of 

the peakedness of the profile about the mean evaluation line (Leach, 2010). The Rku of a perfectly 

Gaussian surface is 3. A sharp peak dominated surface will have a higher Rku value and a bumpy 

surface will possess a low Rku value (Figure 31). Rku can be used to predict implant wear 

behaviour and lubrication retention (Leach, 2010), with a higher Rku value representing a greater 

lubricant retention capacity and improved resistance to wear.  

Figure 29. Schematic showing 2D surface roughness parameters of interest for the TAR 
articulating surfaces. Adapted from Cowie and Jennings (2021).  
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2.8 Visual Surface Damage Modes  

Alongside the contact profilometry, a non-contact Infinite Focus microscope (Alicona, Austria) 

was used to determine damage on the superior insert surface. Damage has been defined as the 

microscopic and visual changes to a surfaces’ geometry and is associated with increased wear 

debris production (McKellop, 2007). The damage modes were defined using the Hood scoring 

system, which categorises damage seen on the articulating surface into seven visual characteristics 

on the polyethylene components (Table 10). This historic assessment technique has since been 

modified and used in several studies comparing wear simulated and retrieved (Affatato et al., 

2009; Vaupel et al., 2009a; Stratton-Powell et al., 2016; Cottrino et al., 2016; Currier et al., 2019). 

The Alicona InfiniteFocus microscope created the 3D image of the superior insert surface by 

identifying the optimal focus related to a known distance from the insert (Macdonald, 2014). This 

was constructed by moving the microscope objectives vertically, relative to the superior insert, 

Negative Skewness 
 

Positive Skewness 
 

Figure 30. Profiles with negative (top) and positive (bottom) skewness (Rsk) values. Adapted 
from Leach (2010). 

Figure 31. Profiles with low (top) and high (bottom) values of Rku. Adapted from (Leach, 2010). 



70 

 

bringing the object in and out of focus. The sensor within the microscope recognised and 

measured where the object was best in focus (Macdonald, 2014). The process was repeated at 

chronological lateral positions to process an image of the insert surface. The inserts were fixed 

with the superior bearing surface facing towards the microscope lens. The lowest available 

microscope lens (10x magnification) was used to image the full superior insert surface, which 

helped reduced overall scanning time. The highest available resolution of 20x magnification was 

used to image damage modes in specific regions on the insert surface.  

The Alicona scanning parameters were adopted from an earlier TAR study at the UoL (Stratton-

Powell et al., 2018). This meant that a mid-range value for exposure (160 µs) and contrast (1.5) 

was selected for both microscope lenses, with the same parameter values used throughout each 

wear study. A vertical resolution of 300 nm and lateral resolution of 3.914 µm were used to 

successfully image the superior insert surface without exceeding the data point limit. 

Table 10. Retrieval damage modes as described by Hood et al. (1983). 

Damage Mode Visual Description 

Burnishing 

Removal of machining marks triggered by high pressure articulation 

and characterised by a polished area and superficial multidirectional 

surface undulations. 

Scratching 
Depressed lines initiating material removal. Usually parallel with the 

direction of articulation in the areas of increased wear. 

Surface Deformation 
Permanent deviation from the initial shape of the articulating 

surface, caused by creep and/or cold flow. 

Pitting Irregularly shaped depressions visible in the articulating surface. 

Abrasion Tufts of material appearing after a region was torn from the surface. 

Delamination 
Subsurface failure typically surrounding an area of avulsed substrate 

caused by fatigue.  

Embedded Particles 
Distinct colour or texture, expected to be cement or metal particle 

embedded in the polyethylene surface.  
 

2.9 Retrievals Analysis 

After each Mc, all articulating surfaces of the implants were visually inspected and photographed 

to determine surface damage modes (Section 2.7). The damage modes were compared to the 

collection of TAR MB retrievals within the retrievals bank at UoL The use of retrievals is 

important to inform laboratory based research to ensure that the in vitro wear simulation is 

producing outcomes relevant to the clinical environment. The retrievals were collected from UK 

hospitals under ethical approval (HRA ethics ref: 09/H1307/60). A Canon 700D SLR Camera 

with a 100 mm macro lens (Canon Ltd, UK) was used for all surface imaging. The exposure and 

depth of field functions of the camera were altered to achieve the optimum image quality, 

showing the most amount of surface damage, for the metallic and polyethylene surfaces. The 

combination of volumetric wear, surface roughness, and damage mode visualisation is important 

to understand the tribological behaviour of a TAR. 
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CHAPTER 3 

THE EFFECT OF IMPLANT PARAMETERS ON THE WEAR 

OF A TOTAL ANKLE REPLACEMENT 
 

3.1 Introduction 

Polyethylene wear debris, generated through the constant articulation of an implant during its 

lifetime, has been associated with an immune response, which triggers osteolysis and subsequent 

implant loosening of the metallic components (Fisher et al., 2010). With the ever increasing 

survivorship of modern day MB implants, there is a greater risk that wear-mediated osteolysis 

and ultimate failure of the device will become more prevalent. Although there are several factors 

affecting polyethylene wear, implant parameters remain an essential factor influencing wear 

behaviour (Battaglia et al., 2014a). The effect of varying implant parameters on TKR wear has 

previously been simulated and includes: conformity (Abdelgaied et al., 2014; Brockett et al., 2018); 

congruency (Koh et al., 2019); material (Essner et al., 2011); polyethylene type (Mohammad et 

al., 2019); and liner thickness (El-Deen et al., 2006). However, only one wear based study 

concerning TARs considered the effect of implant parameters (conventional UHMWPE versus 

XLPE) on the same implant design (Schipper et al., 2018).  

TAR’s are commercially available in a wide range of different designs, shapes and sizes to fit 

varying patient anatomies, all with the aim to reduce implant wear (Kretzer et al., 2011). Intra-

operatively, surgeons have to select the right choice of implant size to increase the chances of a 

successful implantation, since both under- and oversizing may have a negative effect on implant 

survivorship and requirement for revision. As wear is a function of the sliding distance, increased 

implant size and subsequent contact area has resulted in higher volumetric wear rates in THR, 

but does have the benefit of reducing the risk of post-operative dislocation when compared to 

smaller sized devices (Kang et al., 2009).  

In knee simulator studies, a larger implant size has been found to produce almost double the 

cumulative weight loss compared to smaller sized knee implants (Affatato et al., 2013; Battaglia 

et al., 2014). The authors reported that the larger inserts possessed a wider contact area which 

underwent more sliding during motion, resulting increased friction and wear. However, due to 

the lower contact pressure experience by the larger conventional UHMWPE meniscal inserts, 

there were significantly reduced morphological changes on a molecular scale when compared to 

the smaller inserts (Affatato et al., 2013). Further research also determined that larger sized knee 

implants were able to improve the restoration of functional knee rotation, which was not the case 

with medium and small sized implants (Fekete et al., 2018). The influence of implant size on wear 

behaviour remains unknown in TAR, with the majority of studies using mid-range bearing sizes. 

Therefore, the first objective of this Chapter was to determine the influence of two different 

implant sizes on the wear of a MB device.  
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The limited testing durations of the pre-clinical simulations in the TAR wear literature also fail 

to reflect the age of the implant in vivo or potential in vivo oxidation (Medel et al., 2009). Oxidation 

of conventional UHMWPE impairs their wear resistance and fatigue strength, resulting in wear-

mediated osteolysis and implant failure (MacDonald et al., 2018). It is believed that oxidation of 

conventional UHWMPE inserts is caused by a chemical reaction cascade between the 

macromolecules and oxygen (Costa and Bracco, 2016; Pezzotti, 2017). The irradiation processes 

from sterilisation generate free bonds (radicals) on the molecules that react with the oxygen 

(Costa and Bracco, 2016). This can lead to a chain scission of the macromolecules, resulting in 

degradation of the UHMWPE inserts (Schwiesau et al., 2014).  

To establish the consequences of the oxidation effect on long-term wear, accelerated artificial 

ageing protocols, such as the ASTM F2003:2015 and ISO 5834-3:2019, have been run to replicate 

the oxidation process of UHMWPE in vivo. During this process, the conventional UHWMPE is 

aged at elevated temperatures and oxygen pressure; enabling researchers to simulate worst-case 

scenarios. The process also allows for the effect of reduced oxidative stability to be determined 

in a relatively short period of time (i.e. weeks), while shelf-ageing and implantation can take 

months or years to induce deleterious mechanical changes of the insert. Artificial ageing has been 

shown to increase the volumetric wear and reduce mechanical properties of conventional 

UHMWPE in THR (Collier et al., 1996; Merola and Affatato, 2019) and TKR (McKellop et al., 

2000; Muratoglu et al., 2004; Dumbleton et al., 2006; Schwiesau et al., 2014). However, the effect 

of the accelerated artificial ageing process on implant wear and potential mechanical degradation 

remains unknown in TAR. Thus, this was the second objective of this Chapter. The combination 

of the two objectives discussed will help to achieve the overall aim of the Chapter, being to 

investigate the effect of varying implant parameters on the wear of a modern MB device. 

Improving the understanding of implant parameters on the tribological behaviour of TARs is 

required to help develop longer lasting future designs. 

3.2 Materials 

As outlined in the in-depth methodology of Chapter 2, six medium and six extra small sized 

BOX® ankles were used in the implant size comparison study, while six small sized implants 

were used in the accelerated artificially aged study. The bearing batch and LOT numbers for each 

implant size are identified in Table 11. Each UHWMPE insert used the minimum thickness 

available (5mm), which represented a worst-case scenario for implant wear (Section 2.2).  

Table 11. Bearing details for the medium, small and extra-small implant sizes. 

Implant Size Tibial Talar UHMWPE Insert 

Medium 
161-140 
219563 

161-340 
219938 

161-245 
219822 

Small 
161-140 
228616 

161-340 
228758 

161-245 
228136 

Extra Small 
161-110 
220644 

161-310 
220647 

161-205 
220649 
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3.2.1 The Simulator and Calibration Set-up 

Implant Size 

The KSpn discussed in Section 2.3 was used for the implant size comparison study, consisting of 

six stations divided across two banks of three, which were supplied with air for pneumatic 

control. The calibration process for the KSpn is detailed in Section 2.3.6, with the calibration 

records for the simulator being presented in Appendix C.1 and C.2.  

Accelerated Artificial Ageing  

For this study, an electromechanical knee simulator (KSem; Simulation Solutions, Stockport, 

UK) was used to measure the wear behaviour of the six artificially aged small sized BOX® ankles. 

KSem consisted of six stations divided across two banks (Figure 32) and the implants were set 

up in an inverted position. To facilitate the different implant size, six new delrin fixtures were 

designed and manufactured to ensure the talar component aligned with the centre of rotation 

(Appendix A.3). A comparison study analysing the two simulator types in terms of implant wear, 

topographic changes and kinematic performance, is discussed in Chapter 4. 

The calibration process varied between the two simulator types. In order to calibrate the AL 

channel of the six-axis load cell in KSem, a calibrated load cell was inserted into each station and 

mounted centrally on the FE rocker (Figure 33A). The abduction/adduction and ML slide was 

removed and replaced with a steel cap, to protect the top of the load cell. A threaded rod was 

screwed into the calibrated load cell and the steel-ball bearing on the end of the rod pressed on 

the pressure plate at each station of KSem (Figure 33A). The threaded rod replaced the delrin 

Figure 32. Three stations of the ProSim electromechanically driven knee simulator (KSem; 
Simulation Solutions, Stockport, UK). 
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block method used in KSpn (Section 2.3.6). The cam box applied a load to the calibrated load 

cell and the load was entered into the simulator. A similar method was used to calibrate the FE 

torque and abduction/adduction torque channels of the six-axis load cell. The process was 

repeated until five load measurements of increasing value had been applied.  

To calibrate simulator AP force, the calibrated load cell was mounted on a right-angled bracket 

attached to the FE rocker (Figure 33B). Two load springs attached to the load cell sensor were 

pressed against the internal walls of the u-shaped bracket, attached to the multi-axis load cell 

(Figure 33B). During AP force calibration, movement in the posterior direction applied a 

compressive force to the anterior spring attached to the calibrated load sensor, resulting in a 

negative value. This process was repeated until all five loads had been applied. When the posterior 

spring was compressed, the force entered into the simulator was positive. It should be noted that 

both KSpn and KSem were unable to provide AP force feedback under displacement control, 

but was still calibrated to complete the full calibration report (Appendix C). The ML channel of 

the six-axis load cell was calibrated in the same way as the AP channel, except the load cell was 

rotated 90° prior to calibration. 

The calibration jig used for calibrating the tibial rotation torque channel of the six-axis load cell 

is shown in Figure 33C. The calibrated load cell was fixed on the right side of the 

abduction/adduction rocker and was connected by two load springs, which were wound out to 

their maximum and adjusted until the calibrated load cell read zero (the zero position). The AP 

slide moved in a posterior direction, applying tension force to the anterior spring attached to the 

calibrated load cell sensor, resulting in a clockwise (negative) tibial rotation torque. A positive 

torque was produced when the AP slide moved in an anterior direction. The process was repeated 

until five measurements of increasing value had been applied. 

The calibration of the AP linear position sensors within the simulator was achieved by scaling 

the output of the sensor against known positions of the sensor using slip gauges (Figure 33D). 

The central (zero) position of the AP slide was determined by a 60mm slip gauge positioned 

between the front edge of the slide and the machined front side of the abduction/adduction 

carriage (Figure 33D). To begin the calibration, an 80mm slip gauge was positioned in place, 

which corresponded to an actual position of 20mm. This process was repeated with slip gauges 

of 70mm, 60mm, 50mm and 40mm, which corresponded with the actual 10mm, 0mm, -10mm 

and -20mm, respectively. The same digital inclinometer used in the implant size study (Section 

2.3.6), was placed on the FE carriage to give an angular readout of the carriage position. An 

example of the simulator calibration report for station 1 of the KSem, used in the artificially aged 

study, can be found in Appendix B, while the simulator calibration record for the aged study is 

detailed in Appendix C.4.  
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3.2.3 Simulator Inputs 

Implant Size 

At the time of the study, there were no ISO standard guidelines for the wear simulation of a 

TAR. Therefore, the physiologically relevant loading and motion profiles were defined from a 

recent TAR wear study performed at the UoL (Smyth et al., 2017) and is referred to as the UoL 

profile. The description of each input profile is detailed in Section 2.3.1. 

Accelerated Artificial Ageing  

Before this study began, a new ISO standard for studying the wear behaviour of TAR devices 

under loading and displacement control parameters was introduced (ISO 22622:2019). This study 

used the recommended kinematic and loading parameters for displacement control from ISO 

22622:2019 (Figure 34), but continued to use the same experimental conditions discussed in 

Chapter 2. This allowed more comparable wear results between implant parameter studies and 

A 
 

B 
 

C 
 

D 

Figure 33. ProSim Electromechanical Knee Simulator (KSem): (A) AL, FE torque and 
abduction/adduction torque; (B) AP force; (C) tibial rotation torque; and (D) AP linear position.  
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to previous work performed at the UoL (Smyth et al., 2017). A study comparing implant wear 

under ISO 22622:2019 and UoL input profiles is detailed in Chapter 4.  

 
 

3.3 Methods 

Chapter 2 provides more detail on the experimental conditions used to determine the wear 

behaviour of the MB device, independent of implant parameter. The medium (n = 6) and extra 

small (n = 6) implants used in the implant size comparison study were run for 5 Mc (two 

simulations of n = 3 for both implant sizes) in KSpn. Four unloaded soak controls (two of each 

insert size) were used to negate weight changes due to fluid absorption (Galvin et al., 2009). The 

small (n = 6) artificially aged implants also underwent 5 Mc of the same experimental conditions 

(Chapter 2) and used one unloaded soak control.  

Before the wear simulation of the small sized inserts, the samples underwent the accelerated 

artificial ageing process as outlined in ASTM F2003:2015 and ISO 5834-3:2019. The inserts were 

removed from their packaging and positioned in a thermal chamber, in such a way that ensured 

uniform access of the articulating surfaces to oxygen. The thermal chamber was validated using 

a calibrated temperature sensor to within ± 1°C of the ageing temperature. A pressure vessel 

(oxygen bomb) enclosed the inserts and was calibrated to maintain the desired value, when at 

equilibrium, to an accuracy of ± 7 kPa (± 1 psi). The pressure vessel was filled at room 

temperature and purged with oxygen for a minimum of three times before the initiation of the 
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Figure 34. ISO standard input profiles for AL (red), FE angle (blue), tibial IER angle (yellow), 
and AP displacement (green). Adapted from ISO 22622:2019.  
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ageing experiment. The pressure vessel began at room temperature (23 ± 2°C) and was raised 

incrementally (1.0° ± 0.1°C/min) to the ageing temperature of 70 ± 1°C. The conventional 

UHMWPE inserts were aged at this constant temperature and pressurised at 503 ± 7 kPa (73 psi, 

5 atmospheres) of pure oxygen for 336 ± 1 h (14 days). There were no interruptions during the 

ageing period, which meant that the pressure vessel remained closed for the 14 day duration.  

Both implant parameter studies were run under displacement control with an operating frequency 

of 1 Hz. The samples were moved between stations at the beginning of each Mc to account for 

inter-station variability. Contact area checks were performed to ensure similar component 

positioning across stations (Section 2.3.5). The lubricant consisted of 25% bovine serum 

supplemented with 0.04% sodium azide to prevent bacterial degradation (Smyth et al., 2017). The 

protein concentration for the implant study was 16.00g/L (Appendix D.1) and 15.75g/L for the 

artificial ageing study (Appendix D.3). The serum was replaced approximately every 330,000 

cycles to ensure the continued protein concentration was maintained (Section 2.3.9).  

Digital images of the superior insert wear imprint on the tibial components were obtained upon 

completion of the implant size study, using a Kodak DX6490 digital camera. The mean contact 

wear area, expressed as the percentage cover of the UHWMPE superior insert surface wear 

imprint over the tibial component surface, was quantified using Image Pro-Plus 3.0 software 

(Media Cybernetics, Maryland, USA). This technique was used to determine the influence of 

implant size on contact wear area and subsequent implant wear rate.  

As previously mentioned in Section 2.4, implant wear was determined gravimetrically after each 

Mc. Loading and kinematic output profiles were recorded automatically every 20,000 cycles and 

averaged across the six stations, giving an overall average output profile of 50 cycles at 1 Mc 

intervals. Simulator loading and kinematic performance for both implant parameter studies were 

investigated by comparing the average peak output values for the stations against the peak 

demanded input values. The differences between the output and input kinematic profiles were 

calculated as a percentage of the corresponding maximum demanded value and compared to the 

maximum tolerance of the output kinematics (± 5%) (Section 2.6). Both simulators used in the 

implant parameter studies underwent PID control tuning to reduce inter-station variability and 

to ensure that each profile was being reproduced to the simulators best ability. Contact surface 

measurements were taken before and after each simulator study to understand the topographic 

changes at the bearing surfaces (Section 2.7). The articulating surfaces were visually inspected to 

determine the extent of damage and modes of wear that were present during wear simulations of 

the varying TAR sizes (Section 2.8). The damage modes found on the samples that underwent 

wear simulation were also compared to MB TAR retrievals (Section 2.9). 

The mean wear rate and surface roughness parameters were calculated with a 95% CL for both 

implant parameter studies. A student’s (independent) t-test was used to compare the mean wear 
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rates and topographic changes within the implant size comparison study. A one-way analysis of 

variance (ANOVA) was used to determine statistical differences in mean wear rates between aged 

and unaged implants in the accelerated artificially aged study. If statistical significance was shown 

then a Bonferroni post hoc test was conducted to determine significant differences between the 

aged and unaged samples. Paired (dependent) t-tests were used to determine statistical differences 

between run-in and steady-state wear phases within the same device size and also between the 

pre- and post-mean topographic parameter values for both implant parameter studies. 

Significance level was accepted at the p ≤ 0.05 level and all statistical analysis was conducted using 

Statistical Package for the Social Sciences (SPSS) version 26.0 (SPSS Inc, Chicago, USA). 

3.4 Results 

3.4.1 Simulator Loading and Kinematic Performance 

Implant Size 

Figure 35 displays the differences between the mean loading and kinematic output profiles (for 

all six stations) and the UoL simulator input profiles (Smyth et al., 2017). The four graphs within 

Figure 36 presents the loading and kinematic output profile variance between each station during 

the second simulation period of 5 Mc (medium = 3 and extra small = 3).  

During the stance phase, each station of KSpn were unable to facilitate the desired peak demand 

AL of 3150 N (Figure 36A). This resulted in a reduced mean peak AL of 2542.3 ± 86.5 N and 

was outside of the maximum tolerance (± 5%) of the desired peak AL input (-19.2%) (Figure 

35A). Each of the six stations of KSpn also overloaded the peak swing phase load of 100 N 

(222.1 ± 11.0 N) (Figure 36A), with an oscillating profile throughout. The minimum output load 

recorded by the simulator was substantially higher than the maximum tolerance of the 

recommended swing phase load (112.1%). The pneumatic control system of KSpn could also 

not rapidly respond to the AL loading cycle, which resulted in a small lag when following the AL 

profile (Figure 36A).  

The electromechanically controlled FE cradles for each station were capable of accurately 

following the input FE angle of ± 15° (plantarflexion: 15.1 ± 0.0°; dorsiflexion: -15.0 ± 0.0°) 

(Figures 35B and 36B). The tight CL throughout the gait cycle demonstrated that the six stations 

behaved similarly and that peak plantarflexion (0.5%) and dorsiflexion (0.0%) were within the 

maximum output tolerance (± 5%). Due to the electromechanical control of FE and thus not 

being able to control the air supply, it meant that there was no associated phase lag between the 

desired FE input and output profiles of KSpn.  

Station 1 produced a greater peak external rotation angle than the maximum input demand, while 

the five other stations did not achieve the desired peak value of 8° (Figure 36C). This resulted in 

a mean peak external rotation of 7.2 ± 0.1°, with KSpn failing to remain within the maximum 

output tolerance for external rotation angle (-9.5%) (Figure 35C). There was also a clear phase 
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lag of around 0.05 seconds between the IER demand profile and simulator IER output profiles 

from all six stations (Figure 36C).  

Each station of KSpn had an apparent phase lag in AP displacement motion and seemed to occur 

after peak AL rather than being in-phase with the input load (Figure 36D). Three of the simulator 

stations (2, 5 and 6) produced greater anterior displacement, while the remaining three stations 

(1, 3 and 4) produced lower peak anterior displacement than the demand input value of 3.1 mm 

(Figure 36D). This resulted in a mean peak output value of 3.6 ± 1.0 mm and was outside of the 

maximum output tolerance (10.2%) for peak AP displacement (Figure 35D).  

 

 

 

Figure 35. Simulator input (black) and output profiles (blue) (mean ± 95% CL, n = 6) across all 
stations for AL (A), FE angle (B), tibial IER angle (C) and AP displacement (D). 
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Accelerated Artificial Ageing 

During the final serum change between 0-1 Mc, one of the bearing inserts (sample 4 in station 4) 

was damaged during set-up. The insert dislocated when the load was applied at the station, which 

was likely due to the insert not being positioned centrally on the tibial bearing surface. This caused 

metal-on-metal contact, and although the simulator was immediately stopped, the surface damage 

was significant. Therefore, the sample was removed from the study, leaving a sample of five small 

sized aged implants.  

Figure 37 displays the mean (± 95% CL) output loading and kinematic profiles of KSem 

compared to the simulator inputs defined by ISO 22622:2019. Figure 38 presents the inter-station 

variability across the six stations in terms of loading and kinematic output profiles, compared 

against the ISO 22622:2019 desired input profiles. The mean output loading profile from the six 

Figure 36. Simulator input (black) and output profiles for each station of KSpn for AL (A), FE 
angle (B), tibial IER angle (C) and AP displacement (D). 
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stations of KSem was comparable to the desired input AL and was able to attain the peak AL 

value during heel-strike (2395.5 ± 5.9 N compared to 2365.7 N) (Figure 37A). The simulator 

achieved the recommended peak AL within the maximum output tolerance (1.3%) of ± 5%. The 

substantial difference between loading input and output profiles occurred during the period of 

simulation aiming to mimic swing phase load (Figure 37A). Each station produced a slightly lower 

load (120.1 ± 7.3 N) compared to the desired minimum load value (191.5 N) (Figure 38A). They 

also produced an oscillating profile throughout swing and failed to remain within the desired 

maximum output tolerance of the ISO 22622:2019 loading profile (-37.3%) (Figure 38A). 

 

 

 

Figure 37. Simulator inputs (black) and average outputs (red) (mean ± 95% CL, n = 5) across all 
the stations for AL (A), FE angle (B), tibial IER angle (C) and AP displacement (D). 
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Tibial IER was the most closely followed kinematic profile for each station, with limited inter-

station variability throughout the 5 Mc (Figure 38C). There was also no apparent phase lag 

between input and output profiles from any of the stations within KSem. Peak internal (8.0 ± 

0.0°) and external (-2.4 ± 0.0°) rotation angles were comparable to the desired input values of 

8.02° and -2.4°, respectively (Figure 37C). Both peak internal (-0.7%) and external (-1.8%) tibial 

rotation was attained within the maximum output tolerance of the desired peak IER values. Each 

of the stations of the KSem produced slightly higher anterior translation (1.6 ± 0.0 mm) than the 

peak input demand (1.45 mm), resulting in KSem not being within the maximum output tolerance 

(6.9%) (Figure 38D). Furthermore, all stations failed to attain the desired posterior translation of 

-1.55 (-1.4 ± 0.1 mm; -11.9%). Unlike KSpn, there was no apparent phase lag, with peak anterior 

translation occurring at the same time as peak AL (Figure 37D).  

Figure 38. Simulator input (black) and output profiles for each station of KSem for AL (A), FE 
angle (B), tibial IER angle (C) and AP displacement (D). 
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3.4.2 Wear Rate Comparison 

Implant Size 

The cumulative and mean wear rates (± 95% CL) for the medium and extra small sized implants 

in KSpn are shown in Figures 39 and 40, respectively. Under the same experimental conditions 

and UoL input profiles (Smyth et al., 2017), there was no statistically significant difference (p = 

0.872) in the mean wear rate between implant size (medium = 11.00 ± 3.06 mm3/Mc; extra small 

= 10.64 ± 4.61 mm3/Mc) (Figure 40). The cumulative volumetric wear graph for both implant 

sizes shows the presence of an initial increased wear period during the first Mc (Figure 39). 

Therefore, the gravimetric wear measurements were further separated into two wear phases: 

initial run-in phase (0-1 Mc) and steady-state phase (1-5 Mc).  

 

During the run-in wear phase, there was no significant difference (p = 0.992) in mean wear rate 

between implant sizes (medium = 22.40 ± 9.74 mm3/Mc and extra small = 22.47 ± 12.36 

mm3/Mc) (Figure 40). The high CL found during the run-in wear phase for both medium and 

extra small implant sizes indicated that there was variation in the wear rates between individual 

inserts. After the initial run-in phase, the wear rate reduced significantly during the steady-state 

phase to 7.21 ± 2.25 mm3/Mc (p = 0.003) and 6.91 ± 2.84 mm3/Mc (p = 0.010) for the medium 

and extra small sized implants, respectively (Figure 40). Similar to the run-in wear phase 

comparison, there was no significant difference (p = 0.835) in steady-state wear between the 

implant sizes. The mean contact wear area, expressed as the UHWMPE superior inserts wear 

imprint over the overall tibial component surfaces, were also comparable between implant sizes 
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Figure 39. Cumulative mean wear rates (mm3) with ±95% CL for the medium (red) and extra 
small (blue) sized implants after 5 Mc (n = 6 for both implant sizes). 
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(p = 0.225; medium: 70.09% ± 5.57%; extra small: 67.22% ± 6.54%), owing to the identical 

bearing design.   

 

The inter-station variability and volumetric wear for inserts in the second half of simulation for 

both implant sizes (n = 3) is shown in Figure 41. Station 4 was found to produce a substantially 

lower initial run-in wear rate (8.65 mm3) compared to the other five samples (Figure 41). 

However, this effect was not sustained throughout the steady-state wear phase.  

 

Figure 40. Mean run-in and steady-state wear rate (mm3/Mc) with ± 95% CL for the medium 
(M; red) and extra small (XS; blue) implants after 5 Mc (n = 6 for each implant size). 
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Figure 41. Individual wear rates for the medium (M) and extra small (XS) sized inserts during 
each Mc (n = 6 for both implant sizes), with the colours representing the station within the 
pneumatic simulator. 
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During this phase, sample 3 (extra small) was found to have a considerably higher wear rate (14.99 

mm3) in station 4 during 2-3 Mc when compared to the other five samples being examined. The 

wear rate did not remain high and they returned to be comparable with the other samples. Despite 

station 1 producing a substantially higher peak external rotation angle than the intended input 

profile, this was not apparent in the individual wear rates across stations. 

Accelerated Artificial Ageing  

Chapter 4 indicated that there were no statistically significant differences between simulator type 

and input profiles on wear rates of the MB implant. Therefore, the mean wear rates from the 

small sized artificially aged implants, which underwent wear simulation in KSem using ISO 

22622:2019, were compared against the non-aged medium and extra-small sized implants. As 

mentioned earlier, these unaged implants were simulated within KSpn under UoL input profiles 

(Smyth et al., 2017), but both implant parameter studies used the same experimental conditions.  

The cumulative and mean wear rates (± 95% CL) for the accelerated artificially aged implants are 

shown in Figures 42 and 43, respectively. Despite the higher overall mean wear rate, there was 

no statistically significant differences between the small sized artificially aged implants (16.98 ± 

5.31 mm3/Mc) and to both the medium (11.00 ± 3.06 mm3/Mc; p = 0.071) and extra small (10.64 

± 4.61 mm3/Mc; p = 0.053) unaged implants. There was no significant differences in mean run-

in wear phase rates between the aged (24.86 ± 5.71 mm3/Mc) and unaged (medium = 22.40 ± 

9.74 mm3/Mc; p = 1.000 and extra small = 22.47 ± 12.36 mm3/Mc; p = 1.000) implants. After 

the initial run-in wear phase, the wear rate significantly reduced (p = 0.001) during the steady-

state phase to 12.53 ± 4.34 mm3/Mc. This finding was also apparent for both unaged implant 

sizes. The steady-state wear rate was significantly higher than both the unaged medium (7.21 ± 

2.25 mm3/Mc; p = 0.015) and extra small (6.91 ± 2.84 mm3/Mc; p = 0.021) implants.  
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Despite the improved loading and kinematic following in KSem compared to KSpn (Chapter 4), 

there was still variation in wear rates between individual insert samples (Figure 44). This variation 

in wear was seen to be substantially higher during the run-in wear phase (Figure 42). Station 1 

(31.49 mm3) and 3 (26.94 mm3) produced noticeably higher wear rates compared to the other 

specimens, but this effect was not sustained throughout the further Mc’s (steady-state wear). 

 

Figure 43. Mean run-in (red) and steady-state (blue) wear rate (mm3/Mc) with ± 95% CL for the 
small artificially aged implants after 5 Mc (n = 5). 
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Figure 44. Individual wear rates for the small sized artificially aged inserts during each Mc (n = 
5), with the colours representing the station within the pneumatic simulator. 
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3.4.3 Surface Topographic Results 

Implant Size 

The mean (± 95% CL) surface topographic parameters for the medium and extra small implants 

is located in Appendix E.1. Five representative (2D) traces were taken across each of the bearing 

surfaces before and after wear simulation to determine each of the topographical parameters 

(Figure 45). The values across the five traces were then averaged to determine the overall 

topographical change across the bearing surface. The five traces presented in Figure 45 were from 

one of the medium insert surfaces at 5 Mc, but represent similar output traces for each implant 

size throughout the simulator studies, independent of artificial ageing, simulator type or simulator 

inputs.  

Prior to the start of wear simulation, there were no significant differences (p ≥ 0.05) in 

topographic parameters of the unworn articulating surfaces between the medium and extra small 

sized implants. Therefore, the post-simulation topographic mean measurements were compared 

between implant sizes, as well as comparing between the pre- and post-values. 

1 
 

2 
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5 

Figure 45. Five representative (two-dimensional) traces across the superior insert bearing surface 
used to determine the topographical parameters. 
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Average Surface Roughness (Ra) 

In general, roughness of the metallic components increased whereas roughness of the UHMWPE 

inserts decreased. The most notable change in Ra was seen on the superior insert surface, with a 

92.03% (p = 0.000) and 88.81% (p = 0.000) decrease in Ra for the medium and extra small inserts, 

respectively. The medial, central and lateral regions of the inferior insert curved surfaces showed 

significant reductions in Ra for both implant sizes. This reduction in Ra for both insert bearing 

surfaces indicated that the peaks had flattened, which was likely due to the removal of the 

machining lines and polishing of the surface (burnishing) during the continued articulation within 

the wear simulator (Section 3.4.4). There was a significant increase in Ra at the tibial bearing 

surfaces between the pre- and post-simulation values (medium = 200.00%; p = 0.046 and extra 

small = 100.00%; p = 0.006). The central talar region of the medium inserts (100.00%; p = 0.030) 

and medial talar region of the extra small inserts (50.00%; p = 0.036) also exhibited significant 

differences in Ra after 5 Mc. However, there was no significant differences (p ≥ 0.05) in Ra for 

the articulating metallic and polyethylene bearing surfaces between implant sizes after 5 Mc. 

Maximum Profile Peak Heights (Rp) 

There were no significant differences (p ≥ 0.05) in Rp between the bearing surfaces of both 

implant sizes after 5 Mc. The Rp was found to increase for the metallic components but decrease 

for the conventional UHMWPE insert surfaces. The superior insert surface possessed the 

greatest significant reduction in Rp after simulation, with a 91.60% and 89.38% decrease in Rp 

for the medium (p = 0.000) and extra small (p = 0.000) inserts, respectively. All three regions of 

the inferior insert surfaces of both implant sizes also produced significant reductions in Rp. There 

was a significantly increased Rp value for the tibial articulating surface for the extra small insert 

between pre- and post-simulation (50.00%; p = 0.047). Following a comparable trend to Ra 

results, the central region from the talar surface of the medium inserts (133.33%; p = 0.029) was 

significantly higher at post-simulation. 

Maximum Profile Valley Depth (Rv) 

Comparing the values of the deepest valley on the articulating surfaces, there was no significant 

differences in Rv between implant sizes (p ≥ 0.05) before and after wear simulation. The superior 

insert of both implant sizes demonstrated the highest reduction in Rv, with the medium and extra 

small inserts exhibited an 87.95% (p = 0.000) and 85.29% (p = 0.000) significant decrease in Rv. 

A similar pattern was seen in the inferior insert surfaces of both implant sizes, with a significant 

decrease in Rv in all three bearing regions. Both tibial articulating surfaces from both implant 

sizes had significantly higher Rv after 5 Mc (medium = 100.00%; p = 0.026 and extra small = 

120.00%; p = 0.002), while only the central region of the talar articulating surfaces from the 

medium sized inserts were significantly higher (p = 0.036). 
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Surface Skewness (Rsk)  

Each articulating surface showed a negative skewness after 5 Mc, with the metallic bearing 

surfaces demonstrating the greatest change in Rsk. The superior insert surfaces possessed the 

greatest significant decrease in Rsk for the medium (1200.00%; p = 0.026) and extra small 

(311.11%; p = 0.044) insert surfaces. Each of the inferior insert articulating surface regions also 

had significantly lower (p ≤ 0.05) values post-simulation for the medium and extra small inserts. 

Only the tibial articulating surface from the medium sized implants had significantly lower Rsk 

at 5 Mc compared to the pre-simulation topographic measurement (878.95%; p = 0.026). Both 

central regions of the talar articulating surface from both implant sizes were significantly lower 

post-simulation (p ≤ 0.05).  

Surface Kurtosis (Rku) 

Each bearing surface had an increased Rku value after 5 Mc, however, there was no significant 

differences (p ≥ 0.05) in Rku between the implant sizes. There was a significant increase in Rku 

at the superior insert surface for the medium (p = 0.008) and extra small (p = 0.001) implant sizes. 

The central region of the inferior insert surface was significantly higher in the medium sized 

implants (66.00%; p = 0.006), while the medial (33.59%; p = 0.041) and central (110.74%; p = 

0.010) regions of inferior insert were significantly higher in the extra small implants. Each of the 

metallic bearing surfaces, apart from the medial region of the talus from the extra small implant, 

was significantly higher (p ≤ 0.05) after 5 Mc when compared to the pre-simulation values. 

Accelerated Artificial Ageing  

The mean (± 95% CL) surface topographic parameter results for the accelerated artificial aged 

small sized implants can be found in Appendix E.2.   

Average Surface Roughness (Ra) 

Both the metallic bearing surfaces possessed increased Ra, whereas roughness of the inserts 

decreased. The most notable change in Ra was seen at the superior insert surface, with a 93.10% 

significant decrease (p = 0.000). The medial (60.32%; p = 0.000), central (61.98%; p = 0.001) and 

lateral (56.93%; p = 0.000) regions of the inferior inserts also demonstrated significant reductions 

in Ra. Both the tibial (200.00%; p = 0.000) and medial region of the talar (33.33%; p = 0.011) 

surfaces produced significantly higher Ra after 5 Mc. 

Maximum Profile Peak Heights (Rp) 

The most significant Rp change was located at the superior insert surface, with a 91.67% (p = 

0.000) decrease. Each region of the inferior insert surface also demonstrated significant 

reductions in Rp (medial = 74.93%; p = 0.011, central = 53.56%; p = 0.011, lateral = 72.27%; p 

= 0.011). The tibial surface presented significantly higher Rp across the articulating surface 

(28.57%; p = 0.017), while each of the talar regions did not significantly change between pre- and 

post-simulation values (p ≥ 0.05). 
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Maximum Profile Valley Depth (Rv) 

The superior insert surface was associated with the most wear, which subsequently led to a 

significant decrease in Rv (89.78%; p = 0.000). There were also significant reductions in Rv for 

each of the three regions of the inferior insert surfaces (medial = 62.50%; p = 0.000, central = 

28.27%; p = 0.024, lateral = 62.35%; p = 0.000). Both the metallic tibial (120.00%; p = 0.026) and 

lateral region of the talar surface (116.67%; p = 0.013) had significantly higher Rv after 5 Mc. 

Surface Skewness (Rsk)  

Each articulating surface showed a negative skewness after 5 Mc, with the metallic bearing 

surfaces demonstrating the greatest change in Rsk. Both the tibial (1035.00%; p = 0.026) and 

central region of the talar (360.71%; p = 0.023) articulating surfaces were significantly lower at 

post-simulation. The medial (220.59%) and lateral (1018.18%) regions of the talar components 

also showed substantial reductions in Rsk, but due to the high variability and associated CL 

between samples, these differences were not statistically different to the pre-simulation values (p 

≥ 0.05). This was also the case for the superior insert and medial region of the inferior insert 

surfaces (p ≥ 0.05).  

Surface Kurtosis (Rku) 

Each articulating surface had an increased Rku value after 5 Mc, with the superior insert surface 

showing the greatest significant increase post-simulation (908.86%; p = 0.005). Both the tibial 

articulating surface (147.70%; p = 0.003) and the central (345.37%; p = 0.034) and lateral regions 

(327.27%; p = 0.009) of the talar components produced significantly higher Rku post-simulation.  

3.4.4 Superior Insert Visual Comparison 

Implant Size 

The greatest topographic changes occurred at the superior insert and can be explained by the 

visual damage seen on the insert surfaces (Figure 46). The continued articulation throughout the 

5 Mc, independent of implant size, caused significant polishing and the removal of machining 

lines, demonstrating strong evidence of burnishing. Each superior insert surface from both 

implant size samples showed a clear indication of abrasive wear, pitting, material on the surface 

and multidirectional scratching (Figure 46). The inferior insert surfaces showed comparable visual 

damage modes, with signs of burnishing and scratching, but not as significant as that seen on the 

superior surface. This is likely due to the more curved bearing surfaces at the inferior insert and 

talar surface interface. On both insert surfaces, scratching was primarily orientated in the AP 

direction, which was consistent with the intended direction of articulation. However, there were 

clear signs of multi-directional scratching produced by tibial rotation (Figure 47). 

Despite the reduced topographic changes measured for both metallic components compared to 

the conventional UHMWPE insert surfaces, there were still visible changes and damage modes 

present. On the tibial components there were visible outlines of the UHMWPE contact area on 
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the cast CoCrMo alloy surface. There were also obvious signs of adhesive wear and 

multidirectional scratching within the UHMWPE contact area. The talar component possessed 

more unidirectional scratching aligned in the AP direction for both implant sizes. Scratching 

perpendicular to the direction of the primary articulation was also identified, demonstrating the 

uncoupled multidirectional rotational and displacement motions of the MB surfaces.  

 

 

 

Figure 46. Photographs of three medium (top) and extra small (bottom) superior insert surfaces 
after 5 Mc. Machining lines are no longer visible and there are clear signs of abrasive wear, 
burnishing and scratching. 

 

5mm 
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Figure 47. Damage modes on the superior bearing insert surface from both implant sizes after 5 

Mc (n = 6 for both implant sizes): A-C = Burnishing; D-F = Scratching; G-I = Pitting; J-L = 

Abrasive wear; M-O = Material on the surface. Multiple damage modes were captured with the 

Alicona InfiniteFocus microscope (20x resolution). 
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Accelerated Artificial Ageing  

After 5 Mc of artificially aged wear simulation, burnishing was the predominant damage mode 

visible on the insert surfaces, particularly at the superior insert, with limited machined lines still 

intact (Figure 48). There was also obvious signs of abrasive wear, pitting, debris on the surfaces 

and multidirectional scratching (Figure 49). There was no evidence of crack formation or 

delamination observed at the end of the simulation, which has been associated with the 

accelerated artificial ageing process (Figure 49). Similar to the implant size study, there were clear 

visible outlines of the conventional UHMWPE contact area on the tibial articulating surfaces. 

Within this contact area, there was evidence of polyethylene transfer and multidirectional 

scratching. The talar components also displayed fine multidirectional scratching across the 

bearing surface, which was likely caused by the uncoupled multidirectional rotational and 

displacement motions of the MB device.  

 

 

 

 

 

 

 

 

 

Figure 48. Photographs of the five aged small superior insert surface after 5 Mc. Machining lines 
are no longer visible and there are clear signs of abrasive wear, burnishing and scratching. 

5mm 
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Figure 49. Damage modes on the superior bearing insert surface of the small sized artificially 
aged implants (n = 5): A-C = Burnishing; D-F = Scratching; G-I = Pitting; J-L = Abrasive wear; 
M-O = Material on the surface. Multiple damage modes were captured with the Alicona 
InfiniteFocus microscope (20x resolution). 
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3.5 Discussion 

The tribological behaviour of a TAR is deeply influenced by implant parameters, but wear data 

remains limited. It is thought that the present studies are the first to compare the wear between 

different sized implants and artificially aged conventional UHMWPE of a third generation MB 

device.  

3.5.1 The Wear Effects of Implant Size 

The two sizes (medium and extra small) of commercially available MB implants with the same 

design features were tested in vitro, according to Smyth et al. (2017) kinematic and loading (UoL) 

profiles under displacement control. The comparable simulator inputs and experimental 

conditions which were applied to both implant sizes resulted in no significant differences in the 

mean wear rates, contact wear area and topographic changes after 5 Mc. It is hypothesised that 

smaller implants are characterised by a smaller contact area. This corresponds to a greater contact 

pressure on the UHMWPE insert, and it is well known that increased pressure is a precondition 

to high wear (Plante-Bordeneuve and Freeman, 1993; Pellengahr et al., 2005). According the 

Archard’s Law, the wear volume is proportional to contact load (Lewis, 1964). However, the 

equation is not able to completely predict UHMWPE wear, since it is also a function of contact 

area (Mazzucco and Spector, 2003; Galvin et al., 2009). It has since been established that 

polyethylene wear may need a more complex wear prediction equation, as proposed by the 

algorithm of Strickland et al. (2012).  

Increasing the contact area at the bearing interfaces has been shown to cause increased adhesive 

and abrasive wear, while reducing the contact area results in higher contact stresses and 

potentially causing fatigue wear and delamination (Sathasivam et al., 2001). There is well-

documented evidence of this phenomenon in THR, with larger femoral heads known to cause 

increased volumetric wear rates when compared to smaller sized heads, while under the same 

loading and kinematic input profiles (Kang et al., 2009). This finding has also been found in TKR, 

with larger mobile knee inserts (37.80 ± 2.80 mg) producing approximately a two-fold increase 

in volumetric wear with respect to the smaller inserts (19.46 ± 0.93 mg) and consequently raised 

wear rate (p = 0.001) after 2 Mc (Affatato et al., 2013).  

The reduced wear rate from the smaller THR and TKR sizes is likely a result of the smaller 

contact area. However, contact area between the implant sizes was not directly measured in the 

studies mentioned. The current study determined that both implant sizes had comparable mean 

wear contact areas, which could have been one of the main reasons for the comparable wear 

rates. Earlier research by Mazzucco and Spector (2003) and Liu et al. (2011) defined proportional 

relationships between wear and the combined effect of contact area and sliding distance. 

Moreover, the wear theory by Mazzucco and Spector (2003) proposed that wear relates to the 

materials and experimental conditions, but was not specific. Liu et al. (2011) elaborated through 
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suggesting that the wear constant would incorporate cross-shear ratio, while being independent 

from contact pressure. This wear prediction is more widely accepted than Archard’s law for 

determining implant wear rates (Liu et al., 2011). The idea of wear being unrelated to contact 

pressure contradicts the historical belief that wear rates increase exponentially with contact 

stresses. It also disregards the correlation between wear factor and maximum contact stresses, 

with a decrease in wear factor occurring with increased stresses (Wang, 2001). However, these 

theories were developed from previous pin-on-disc experiments under constant load and it 

remains unknown how a changing load will impact these relationships.  

The contacting asperities on the conventional UHMWPE at the articulating surfaces deform 

elastically under constant load (Bucknall et al., 2020). Therefore, the linear relationship between 

the real contact area and load does not hold for polyethylene bearing surfaces, unlike metallic 

surfaces (Wang et al., 2003). Consequently, an increase in load does not result in a linear increase 

in real contact area and wear rate. This finding was further verified by Battaglia et al. (2014) who 

suggested that volumetric mass loss was comparable between implant sizes when subjected to a 

load increase of 15% after an additional 2 Mc. Thus, this suggests that the increased load does 

not affect wear rates alone, supporting the notion that wear rate is not proportional to the load 

(Liu et al., 2011). This finding further justified the choice to maintain the same load for both 

implant sizes, despite smaller patients with lower BMI being likely to be implanted with a smaller 

sized device.  

MB implants, like the one used in this study, have been shown to reduce polyethylene stresses 

compared to FB designs, through the distribution of loads across a larger congruent contact 

surface and through reducing constraints at the bearing interface (Affatato et al., 2009). The 

biconcave features of the conventional UHMWPE meniscal insert are fully congruent with the 

metallic components throughout the ROM, independent of joint position (Reggiani et al., 2006). 

The increased TAR conformity, yields higher contact wear area on the conventional UHMWPE 

bearing relative to the overall insert size. Therefore these effects may be reduced. Computational 

modelling has also verified that changing implant conformity causes varying wear patterns due 

to the cross-shear ratio at the periphery of the contact area being higher with increased 

conformity (Abdelgaied et al., 2014). The current study suggests that the combination of the same 

loading and kinematic input parameters, coupled with the comparable biconcave conformity 

(implant contact wear area) was the main reason for the comparable wear rates between implant 

sizes.  

Throughout the wear simulation, the substantial changes in surface topography of each of the 

UHMWPE and metallic components did not appear to influence the wear rate between implant 

sizes. Under the same loading and kinematic parameters, Smyth et al. (2017) reported similar Ra 

results (superior insert = 0.08 μm; inferior insert = 1.26 μm; tibial = 0.02 μm; talar = 0.18 μm) 

of five MB Zenith TARs after 2 Mc (Stage 5). It should be noted that the same roughness value 
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can represent surfaces with substantially different surface profiles (Figure 50), and is a limitation 

when focusing on individual Ra values. For example, a bearing surface with a positively skewed 

distribution of surface heights may also have the same average Ra across the surface as a 

negatively skewed distribution, which would have more capability of retaining synovial fluid for 

the lubricant and improving wear resistance. This is the reason why the wear studies in this thesis 

did not focus on average Ra value only, unlike previous TAR studies at the UoL (Bell and Fisher, 

2007; Smyth et al., 2017).  

 

The high wear rate during the 1 Mc (run-in wear phase) is likely due to the ploughing of the 

metallic bearing surfaces on the softer polyethylene inserts, commonly referred to as abrasive 

wear. The larger Ra, positive Rsk and reduced Rku at the beginning of testing on the UHMWPE 

inserts indicated that the surfaces were full of asperities, due to the machined finish. There must 

have been a large number of peaks over the trace length and likely caused the lambda ratio to be 

low (λ < 1), which is associated with the boundary lubricant regime. In this lubricating regime, 

the lubricant thickness is directly related to the magnitude of molecules present (Dowson, 2012).  

The bovine serum used likely presented a monolayer of protein molecules absorbed at the bearing 

surfaces, which acted to prevent direct contact between surfaces (Wang et al., 1996a). However, 

this regime is associated with a reduced thickness of the fluid film, as the pressures of the fluid 

were unable to maintain normal load and caused penetration of the contacting asperities. This is 

unavoidable due to the soft and rough UHMWPE sliding across the hard metallic surfaces. 

During motion, there was an increased load going through the contacting surfaces compared to 

when stationary. This coupled with the reduction in sliding speed, due to the ploughing of the 

contacting asperities, resulted in increased contact pressures at the bearing surfaces. Increased 

asperity contact during load and motion is associated with increased friction (Rabinowicz and 
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Figure 50. Six hypothetical surface profiles (red lines) with the same surface roughness value but 
with different surface texture characteristics (e.g. surface or kurtosis). 
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Tanner, 1966) and production of wear debris (Dowson, 2012). The high asperity contact at the 

start of testing between the bearing surfaces also resulted in clear signs of burnishing and micro-

adhesion (Section 3.5.4), which are associated with implants that have undergone high wear 

(Dowson, 2012). These findings clearly demonstrate that the TAR were associated with a reduced 

minimum film thickness and high surface roughness, which are key attributes to a boundary 

lubricant regime.   

After the initial ploughing (abrasive wear) of the roughened polyethylene surfaces, full of high 

contacting asperities, the boundary lubrication likely aided in the reduction in wear rate 

throughout the 5Mc simulation (Lu and McKellop, 1997). The abrasive wear, which was 

prominent on all insert samples was likely reduced throughout testing in boundary lubrication, 

through the shearing of the lubricating (protein) layer at the bearing surfaces, rather than the 

continued plowing or deformation of the softer surface. The negative Rsk and positive Rku found 

at the UHMWPE surfaces of both implant sizes at the end of testing indicated that there were 

fewer peaks above the midline of the roughness profile. This further indicated that the rough 

surface (machined lines) had been smoothed (burnishing), which resulted in valleys throughout 

the surface. These sharp valleys associated with high Rku and negative Rsk provide nanoscale 

reservoirs for lubricant (Etsion, 2009).  

A large change in Rsk and Rku was also seen at the metallic surfaces, independent of implant size 

or artificial ageing (Section 3.5.2). The tibial and talar surfaces were found to have a substantially 

negative Rsk, coupled with a positive Rku, which follows a similar trend to the conventional 

UHMWPE insert surfaces. A similar trend was demonstrated in Chapter 4 for medium sized 

implants tested under varying simulator types and input profiles (Appendix E). By combining 

both parameters, the surface can be described as a plateau-like smooth surface with deep valleys 

(Sedlaček et al., 2012). A high value of Rku and more negative Rsk has been found to improve 

contact conditions through reduced friction and causes a shorter distance to steady-state wear 

conditions under boundary lubrication, which is associated with reduced wear rates (Chang and 

Jeng, 2013; Dzierwa, 2017; Dzierwa et al., 2020). This may be explained through the polishing 

effect at the polyethylene surface through abrasive wear, providing better hydrodynamic 

properties and consequently lower friction and subsequent wear.  

This effect has been highlighted when testing metallic surfaces, with the wear volume of 42CrMo 

steel surface preparation of a 100Cr6 steel ball being directly related to the skewness parameter 

(Rsk) during ball-on-disc testing (Dzierwa et al., 2017). In the same study, it was observed that 

higher values of Rku were related to lower values of volumetric wear. It has also been shown that 

the deep valleys, associated with a negative Rsk, contain reservoirs that are too small to trap wear 

particles ranging from 10 to 100 µm, which reduces wear while retaining the lubricant (Sedlaček 

et al., 2012; Zhu et al., 2020). Based on these findings, the combination of negative Rsk and 
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positive Rku is advantageous for enhancing the boundary lubrication and reducing the wear in 

joint replacements (Naylor et al., 2016).  

Despite the topographical changes discovered, a limitation was that only two measurement points 

were taken at the start and end of testing. Future work should consider measuring surface 

topographical changes throughout the simulation, to determine when the greatest changes in 

roughness parameters occur. More studies are also required to determine the impact of the same 

topographical parameters measured in this study have on TAR wear. Other limitations associated 

with the topographical assessment used in the wear studies throughout this thesis can be found 

in Section 6.2.1.4  

The findings from this implant size comparison study could, in future, help surgeons’ intra-

operative choice of the optimal TAR size. In fact, the human ankle anatomy displays large 

variations in size and morphology, with a possible under or oversizing of the implanted device 

resulting in poor clinical outcomes. Moreover, this may cause pain and reduced ROM at the 

ankle, which could ultimately lead to the need for revision surgery and significantly impact on 

patients QoL.  

3.5.2 The Wear Effects of Accelerated Artificial Ageing 

Under similar simulator input profiles and the same experimental conditions, the small sized, 

artificially aged inserts did not produce a significantly higher mean wear rate compared to non-

aged medium and extra small inserts. The wear results from for all implant sizes in this study, 

independent of artificial ageing, exhibited biphasic wear. There was a short run-in period of 

higher wear (0-1 Mc), succeeded by a lower wear steady-state phase (1-5 Mc). This follows similar 

wear patterns to the other implant and simulator parameter comparison studies mentioned in this 

thesis, as well as previous TAR simulations at the UoL (Bell and Fisher, 2007; Smyth et al., 2017), 

which were carried out under equivalent loading and kinematic input parameters. The increased 

wear rate during the run-in phases for all implant sizes, is likely due to the increased number of 

surface asperities, resulting from the machined lines on the conventional UHMWPE being worn 

away (Schmalzried and Callaghan, 1999). The steady-state wear should theoretically remain 

constant until an external condition is significantly altered (e.g. adverse biomechanics) (Stewart, 

2010).  

When the wear rate was separated into the two wear phases, there was no difference between the 

aged and unaged implants in the run-in phase. However, the wear rates between the artificially 

aged and unaged implants were significantly different during steady-state wear. The implant size 

comparison study used a different simulator type and simulator inputs profiles when compared 

to the aged study. Chapter 4 examined the influence of both simulator parameters on implant 

wear and found no significant differences between simulator type and inputs used. The implant 
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size comparison study in this Chapter demonstrated that implant size had no effect on overall 

wear rate.  

The higher wear rate of the artificially aged inserts after 5 Mc compared to the unaged inserts, 

independent of implant size or simulator input conditions. It was hypothesised that the increased 

wear rate was likely due to greater damage at the bearing surfaces caused by the ageing process. 

The accelerated artificial ageing process resulted in peak dominant (positive Rsk) and bumpy 

(lower Rku) bearing insert surface, demonstrating high volume of asperities (Appendix E.2). 

During the wear study, these asperities were worn down, causing a significant reduction in Ra at 

the insert bearing surfaces from 0-5 Mc, particularly the superior insert side. However, no 

apparent differences were found in surface topographical parameters between the aged and 

unaged implants after 5 Mc. A similar trend was also seen for the visual damage modes identified 

(Section 3.5.4). It should be noted that the current study failed to statistically compare the 

influence of the ageing process on surface roughness parameters compared to the aged cohort. 

This was because the main focus of the study was determine wear rates between aged and unaged 

inserts, with topographical changes being used to help describe the tribological behaviour at the 

bearing surfaces. These findings indicate that the differences between the aged and unaged 

implants, was likely due to the ageing process itself.  

The higher wear rate may have been due to the generation of free radicals that oxidise, which 

lead to mechanical property degradation of the conventional UHMWPE (Schwiesau et al. 2014). 

Wear of conventional UHMWPE is believed to occur due to plastic deformation of the polymer, 

with molecular alignment occurring in the direction of the motion being applied to the insert 

(Wang et al., 1997; McKellop., 1999b; Wang, 2001). This causes the formation of the polyethylene 

fibrils to be orientated parallel to each other, increasing the strength along the direction of sliding 

but weakening them in the transverse direction (Bracco et al., 2017). During the multi-directional 

motion applied to the samples in this study, a multi-directional scratching damage mode was 

visible on each of the samples (Section 3.5.4). This orientation-softening phenomenon is likely 

responsible for the detachment of fibrous wear debris from the aged and worn surfaces 

(McKellop et al., 1995; Tipper et al., 2000), causing increased steady-state wear compared to the 

unaged samples.  

The free radicals formed in the conventional UHMWPE during the irradiation process may have 

also increased the implants susceptibility to in vivo oxidative degeneration, which has been found 

to significantly affect the physical, chemical and mechanical properties of conventional 

UHMWPE (Kurtz, 2015; Grupp et al., 2017). Despite the significant difference in steady-state 

wear between aged and unaged samples, there was no indication of structural failure in any of the 

aged samples, even with the mechanical and chemical stresses applied during the ageing process.  
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In the last decade, the use of crosslinking of UHMWPE (XLPE) has been introduced to aid in 

the reduction of volumetric wear in joint replacements (McKellop et al., 1999a; Glyn-Jones et al., 

2008; McCalden et al., 2009). XLPE is formed from higher doses of ionizing radiation, producing 

more cross-links between the carbon-carbon bonds of the adjacent chains and inhibiting such 

molecular orientation (McKellop et al., 1999a). Crosslinking aims to slow down the formation of 

surface fibrils and improves the resistance to wear (Wang et al., 1997; McKellop et al., 1999a). 

This process also reduces the production of free radicals and the risk of oxidative degradation, 

which are eradicated by subsequent thermal or chemical treatment (Bracco et al., 2017). 

Muratoglu et al. (2004) found that XLPE reduced wear rates in tibial inserts of a cruciate retaining 

TKR when compared to conventional UHWMPE inserts, after undergoing the same ageing 

process as the current study. Since then, XLPE has been introduced in TARs and wear rates have 

substantially reduced, ranging from 2.1 ± 0.3 to 3.3 ± 0.4 mm3/Mc (Kincaid et al., 2013; Bischoff 

et al., 2015; Schipper et al., 2018). In contrast, the mean wear rate of conventional UHMWPE, 

over varying simulation duration, ranges from 3.4 ± 10.0 to as high as 25.8 ± 3.1 mm3/Mc (Bell 

et al., 2007; Affatato et al., 2007; Postak et al., 2008; Reinders et al., 2015b; Smyth et al., 2017).  

In more recent literature concerning THR and TKR, vitamin E has been introduced to improve 

ageing resistance, through reactions with the free bonds and interruption of the oxidation 

reaction cascade (Lerf et al., 2010; Bracco and Oral, 2011; Turner et al., 2014). Accelerated ageing 

has been found to have no influence on the wear behaviour in a unidirectional wear test 

(Wannomae et al., 2010) or knee simulator study applying level walking (Micheli et al., 2012) on 

XLPE stabilised with vitamin E. However, one disadvantage of crosslinking and associated 

irradiation methodology is that polymer chain scission may occur after surgery, due to the 

presence of oxygen in the synovial fluid (Schipper et al., 2018). This can cause polyethylene 

embrittlement, which reduces fatigue resistance and results in surface cracking or fracture of the 

XLPE insert (Schipper et al., 2018).  

These factors have limited the widespread adoption of vitamin E doped or even standard XLPE 

in TAR, with only two designs available on the UK market. This point has recently been 

challenged by Schipper et al. (2019), who found that XLPE had sufficient fatigue strength to 

withstand 10Mc of loading at 5 times BW (5600N) at the point of peak stresses during the gait 

cycle in a FB implant. However, further clinical evidence with larger patient and testing cohorts, 

are required to translate fatigue strength with clinical use of XLPE in MB devices.  

The artificial ageing methodology used in this study was limited by the fact it models the effect 

of real-time ageing gamma-air-sterilised UHMWPE inserts. However, the BOX® ankles were 

sterilised using gamma irradiation in the presence of nitrogen. This meant that the samples may 

have benefitted from some degree of crosslinking that occurred from this sterilisation method, 

which could have improved the wear properties of the conventional UHMWPE (Kurtz et al., 

1999). Therefore, the potential crosslinking effect may have been the reason to the comparable 
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trend in surface roughness changes and wear damage modes presented between the aged unaged 

samples, independent of implant size (Section 3.5.4). This method of sterilisation avoids contact 

with oxygen from the air and has sufficient barrier packaging during its shelf life (Lu et al., 2003). 

Sterilisation in an air environment causes radicals to react readily with oxygen, which triggers a 

cyclic, auto-sustained process, leading to the formation of oxidation products on the polymer 

(Bracco et al., 2017). This results in an overall reduction in molecular mass and significant changes 

to the polyethylene morphology.  

As mentioned in Section 3.4.1, one of the components was damaged due to dislocation and was 

subsequently removed from the study. There would have been some value in continuing to run 

the sample, as this would have represented a potential real world ‘worst-case’ scenario. The wear 

rate produced from this sample may have represented patients that had undergone malalignment 

or early dislocation of their implanted device. However, if the sample was used in the study, this 

would have had a significant influence on the mean wear rate and would have been more difficult 

to truly determine the influence of the accelerated artificial ageing process. There are other 

limitations associated with the pre-clinical wear simulations, such as the selection of input 

profiles, the simulator type, experimental protocol, gravimetric wear and topographic assessment 

methods. A detailed review of the limitations associated with the studies mentioned in this 

Chapter and in Chapter 4 (simulator parameters) can be found in Chapter 6 (Section 6.2).  

3.5.3 Wear Rate Comparison 

The conventional UHMWPE wear rates from the MB TARs, independent of size (medium: 11.00 

± 3.06 mm3/Mc and extra small: 10.64 ± 4.61 mm3/Mc) and ageing process (16.98 ± 5.31 

mm3/Mc), were comparable to the majority of the displacement control wear simulation 

literature, in which wear rates ranged from 3.4 ± 10.0 to 25.8 ± 3.1 mm3/Mc (Affatato et al., 

2007; Bell and Fisher, 2007; Smyth et al., 2017; Schipper et al., 2018). The magnitudes of the wear 

rates presented in the current studies may have a relevant osteolytic potential, but with the limited 

duration of 5 Mc, this is not sufficient enough to cause osteolysis in such a short period (Reinders 

et al., 2015b). This suggests that there are other reasons for early implant failure of TARs (Section 

6.1.1.).  

Both implant (Chapter 3) and simulator (Chapter 4) parameter studies were based on 

experimental conditions from previous research performed at the UoL (Smyth et al., 2017). The 

implant size comparison study also used the same simulator input conditions from this study 

(Stage 5) and produced comparable wear rates with a reduced AP displacement of 4 mm (13.3 ± 

2.5 mm3/Mc). The reduced variance (CL) in the mean wear rate from the current studies and 

from the published work by Smyth et al. (2017) suggests that the simulator experimental 

conditions and set-up were comparable between the samples and stations used. This finding also 

gives confidence in the high repeatability of the test set-up between samples of the six stations. 

The higher variability in the earlier published studies on MB designs, was likely due to the reduced 
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sample size, number of cycles (< 5 Mc), number of stations (< 6) and lubricant used. Bell and 

Fisher (2007) was the first study to simulate TAR wear, with mean wear rates varying from 3.4 ± 

10.0 mm3/Mc to 10.4 ± 11.8 mm3/Mc after 5 Mc for two implant designs (Buechel-Pappas™ 

and Mobility®). However, the study did not include any AP translation until after 5 Mc, where 

the wear rates substantially increased in both TAR cohorts (Buechel-Pappas™ = 16.4 ± 

17.4mm3/Mc; and Mobility® 10.4 ± 14.7mm3/Mc). With AP translation only being applied for 

the final Mc, it is difficult for the authors to truly state that the wear rates represent the clinical 

environment. The large variation in the mean wear rates, independent of design or the presence 

of AP translation was likely due to the small sample size used (n = 3 for both prostheses). The 

current studies used a minimum of five samples for each testing condition, which is well above 

the recommended amount of samples in ISO 22622:2019 (n = 3).  

Only the published work by Affatato et al. (2007) used the same implant model as the one used 

for all the wear studies in this Chapter. The authors reported the highest mean wear rate of 18.6 

± 12.8 mm3/Mc (range: 7.5-31.7 mm3/Mc) in literature of MB designs with a conventional 

UHMWPE meniscal insert. The study by Affatato et al. (2007) also presented a substantially 

higher wear rate and variance (CL) compared to the samples from the current studies and the 

wear rates presented in Chapter 4. This was likely due to the limited number of cycles (2 Mc) 

performed, limited sample size (n = 4) and the use of deionised water as the test lubricant. The 

study did not have enough time to reach steady-state wear and should have been run until 

reaching the recommended 5 Mc to see the true effect on the devices. The large variability in data 

and limited sample sizes from both Bell and Fisher (2007) and Affatato et al. (2007) makes it very 

difficult to draw any truly meaningful conclusions from their work, in terms of how the wear 

rates relate to TARs in the biological environment.  

Water has been proven to be poor at replicating the lubricant properties experienced in vivo 

compared to bovine serum (Good et al., 1996). For instance, in vitro simulator studies for THR 

have reported wear factors of conventional UHMWPE to be 14 times higher in water than in 

serum (Derbyshire et al., 1994; Besong, 1999). The wear debris produced when simulated in water 

appeared as large flake-like particles, which were several millimetres long (Saikko et al., 1993). In 

contrast, the wear particles produced in serum lubricated testing and in vivo are generally 

submicron in size (Wang et al., 1996a). With water used as a lubricant, material transfer from the 

soft UHMWPE to the metallic bearing surfaces was also apparent, which means there was a lack 

of an active protein layer (Cooper et al., 1993). This material transfer has been found to cause 

significant topographic changes at the articulating surfaces and results in an increase in wear rates 

(Shen et al., 2019). This is important, as this transfer layer is not seen clinically on explants or in 

wear simulations using calf or bovine serum as the testing lubricant (Campbell et al., 1995; Wang 

et al., 1995). It should also be noted that the Affatato et al (2007) study was not recent and the 
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reasons above which have been discussed has dismissed the use of water as a lubricant in wear 

simulations of polymetric materials for joint prostheses.  

Apart from the use of water as the testing lubricant, the high variance in the wear rate from 

Affatto et al. (2007) study was also related to the variability in wear patterns found at the bearing 

surfaces of the four samples. Two of the samples were found to have large regions of multi-

directional scratching and burnishing, while the other two samples displayed limited signs of wear 

damage modes on the tibial bearing surface. This finding may indicate that some of the 

components had undergone mal-positioning during component set-up or damage may have been 

sustained during simulator calibration or fixture positioning. However, this was not reported by 

the authors of this study and the components from the implant parameter studies also showed 

comparable wear damage modes across the bearing surfaces (Section 3.5.4).  

Bischoff et al. (2015) performed a displacement controlled simulation with six FB implants 

(Zimmer Trabecular Metal) and found a significantly lower mean wear rate of 8.0 ± 1.4 mm3/Mc 

after 5Mc. FB designs have been shown to provide improved stability during articulation without 

the risk of subluxation of the meniscal insert (Mehta et al., 2010). Therefore, the highly 

constrained design of the FB device used in Bischoff et al. (2015) may explain the lower wear 

rate. MB designs, like the one used in the current studies, aim to reduce shear forces through 

minimal constraints (Gaudot et al., 2014), while separating the motions across two surfaces. This 

has been shown to reduce wear in mobile TKR, when compared to FB designs (McEwen et al., 

2005). However, instead of decoupling the motions, so that only unidirectional motion occurs at 

each articulating surface, the unconstrained surfaces produce multidirectional rotational and 

displacement motion as displayed by the multidirectional scratching found on the bearing 

surfaces (Section 3.5.4). It should be noted that despite the reduced wear rate in the FB implants 

in Bischoff et al. (2015) study, this type of device is more susceptible to loosening of the tibial 

component due to greater shear forces found at the bone-implant interface (Valderrabano et al., 

2012). Moreover, Queen et al. (2017b) demonstrated that there were no statistically or clinically 

meaningful differences between FB and MB devices when comparing gait mechanics and 

PROMs at one-year post-surgery. Longer duration simulator based studies (> 5 Mc), under a 

range of varying ADLs, are required to truly determine the difference in wear behaviour between 

FB and MB designs.  

It has previously been highlighted that different hip simulators provide varying wear rates, even 

when testing the same implants (Saverio Affatato et al., 2008). The wear rates can be influenced 

by many factors such as kinematic inputs, lubrication, temperature, and the centre of rotation 

specific to each centres’ experimental protocol. Therefore, the differences in simulator 

protocols/inputs (Chapter 4), type of simulator (Chapter 4) and implant design/materials make 

it difficult for TAR studies to directly compare individual wear rates. However, each study 

provides a useful benchmark for future TAR wear simulations.  
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3.5.4 Damage Mode Comparison 

The ability to compare the existing components to retrievals was limited to implants collected by 

the retrieval centre at the School of Mechanical Engineering, UoL. As there were no BOX® 

ankle retrievals in the UoL collection, the implants were instead compared with retrievals from a 

previous study at the UoL involving 22 Ankle Evolutive System (AES; Biomet, Valence, France) 

retrievals (Stratton-Powell et al., 2016). The AES is a second generation MB device with a 

conventional UHWMPE insert and cobalt chrome metallic components, which are similar to the 

design of the BOX® ankle. The study also compared the visual damage modes from the aged 

and unaged implants against previously simulated medium sized Zenith (Corin Group PLC, 

Cirencester, UK) devices. These devices underwent the same loading and kinematic input profiles 

(UoL) and comparable experimental conditions to that of the implant size study (Smyth et al., 

2017). The Zenith device is a third generation MB design, consisting of titanium nitride metallic 

components and a conventional UHWMPE meniscal insert.  

Visual inspection of each implant, independent of size or ageing, demonstrated extensive damage 

across most of the bearing surfaces of the metallic and polyethylene components. In agreement 

with the retrieval (Stratton-Powell et al., 2016) and simulation (Smyth et al., 2017) studies, 

adhesive wear, burnishing and multidirectional scratching were observed as the pre-dominant 

damage mode mechanisms (Figure 51). Other studies measuring retrieved BOX® ankle inserts 

have been displayed clear signs of burnishing and multi-directional scratching conditions on both 

the upper spherical and the lower anticlastic insert surfaces (Affatato et al. 2009). Pitting was also 

seen across the meniscal bearing surfaces, which is a result in the release of large volumes of 

polyethylene debris.  

Each of the tibial articulating surfaces, independent of implant size and artificial ageing, had a 

visible imprint of the superior insert surface (Figure 51). This was likely a result of adhesive wear 

produced from the constant articulation and highly conforming nature of the BOX® ankle 

inserts. A comparable imprint was also visible on the previously simulated Zenith implants and 

AES retrievals, which underwent even greater multidirectional motion and loading (Figure 51). 

It should be noted that the samples from the UoL based in vitro study involving the Zenith 

implants at the UoL had undergone a greater ROM and for a longer testing duration of 12 Mc 

(Smyth et al., 2017). The retrieved implants underwent varying loading and motion patterns 

during a range of ADL (Stratton-Powell et al., 2016). In contrast, the bearing surfaces from the 

in vitro studies underwent loading and kinematic conditions representing overground walking. 

This finding is apparent in Figure 51, with more prominent, deeper scratching on both the tibial 

and superior insert surfaces compared to the current study implants. 

The simulated components may not fully replicate the more extreme damage modes found in 

explanted devices. This is due to the presence of third-body wear debris in explanted devices, 

such as cortical bone, cement or metallic particles, which can amplify abrasive wear (Davidson et 
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al., 1994). This is likely the reason for the deeper scratching and other damage modes at the tibial 

articulation on the retrieved TARs, as shown in Figure 51 (Stratton-Powell et al., 2016). Third-

body debris has been proven to cause significant increases in wear rates of a TKR (Schroeder et 

al., 2013). The in vitro simulation study used a uni-compartmental FB design doped with either 

bone or cement particles and was run under ISO 14243-1:2002 for 5 Mc. The bone particles had 

no effect on the wear rate during the steady-state phase (3.0 ± 1.27 mm³/Mc), but the 

introduction of cement particles resulted in a 5.7 times increase in implant wear rate (25.0 ± 16.93 

mm³/Mc) (Schroeder et al., 2013).  

Previous retrieval studies on MB (BOX® ankle) (Affatato et al., 2009) and FB (Agility; DePuy, 

Warsaw, USA) (Vaupel et al., 2009) used scanning electron microscopy (SEM) techniques and 

demonstrated evidence of burnishing, pitting and multidirectional scratching at the bearing 

surfaces. Embedded debris was only found in the latter study at the tibial-insert interface, which 

was potentially a result of micromotion between the cement and implant (Vaupel et al., 2009). 

MB designs, including the BOX® ankle used in this study, do not use bone cement during 

implantation, which means that MB devices are not affected by bone cement particles. However, 

a study by Cottrino et al. (2016) discovered the presence of titanium and cobalt chrome alloy 

wear particles embedded in the bearing insert surface of six AES implants. Metallic alloys and 

hydroxyapatite coatings have been identified as third-body wear particles in MB designs, which 

have been associated with the early onset of wear-mediated osteolysis (van Wijngaarden et al., 

2015; Schipper et al., 2017; Najefi et al., 2021; Kim et al., 2021).  

Conversely, there was no evidence of imprinted metallic debris within the insert surfaces and 

therefore may have been remnants from the lubricant, following the cleaning process. It should 

also be noted that the AES system was removed from the market in 2012 due to the early 

development of osteolysis, which was likely due to excessive shear stresses at the bone-implant 

interface, causing the degradation of the fixation surface and release of wear particles (Koivu et 

al., 2012; Besse et al., 2015). No such wear simulator study featuring third-body wear has been 

published. Therefore, future work should focus on investigating the effect of these third-body 

wear mechanisms in newer generations of FB and MB TAR designs, to determine the potential 

risk of early failure mechanisms. 

The in vitro simulated inserts from the studies did present material on the surface, but the study 

was limited by the resolution available on the Alicona InfiniteFocus microscope (20x resolution). 

Using a high-resolution SEM would have provided greater precision to determine this material. 

This technique would have allowed the ability to determine any metallic debris embedded in the 

conventional UHMWPE inserts through abrasive wear. Only one published study has used SEM 

to determine wear patterns between tested and retrieved superior insert surfaces of MB design 

(BOX® ankle) (Affatato et al., 2009). The study identified comparable wear patters between in 

vitro and in vivo inserts, but with multidirectional scratching and pitting being more prominent in 



108 

 

the retrieved bearing surfaces. SEM can also be used to highlight the formation of any 

biotribofilms and can quantify wear debris size and morphology (Stratton-Powell et al., 2022). 

However, SEM was not available for the current project, but future work should consider imaging 

the in vitro inserts to confirm the damage modes across the entire bearing surface for each of the 

implant and simulator parameters.  

Despite the lack of third-body wear, the simulator based studies in this thesis (including the 

testing reported in Chapter 4) demonstrated that some of the damage modes produced (abrasive 

wear, burnishing and multidirectional scratching) at the bearing surfaces are also seen in explants, 

which provided confidence that the simulation was replicating some of the natural environment 

of a TAR. However, there were no BOX® ankle devices within the explanted collection at the 

UoL to confirm that these damage modes occur in vivo with this specific brand of TAR. It was 

5mm 

A 
A 

B 
B 

C 
 

Figure 51. Wear tested surface of the BOX® ankle superior insert and the visual imprint from 
the conventional UHMWPE articulation on the tibial component (A) compared to that of an in 
vitro Zenith after 12 Mc (B) and Biomet AES retrieval (C). Adapted from Smyth et al. (2017). 
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possible to compare to the previous study by Affatato et al. (2009), but no details were provided 

on if the retrieved devices were due to early failure or patient death. This is an important point 

to consider when comparing simulated and explanted devices as the latter are self-selected in 

nature, which comes as limitation, as the damage modes may represent failed implants and do 

not represent the in vivo performance of well-functioning prostheses.  

The simulator studies in this project were set up to replicate a successful device, with correct 

alignment, and were not trying to recreate failure, which may have led to more serious damage 

modes that are more comparable to retrieved devices. This was also apparent in the variability of 

damage modes discovered, with the controlled conditions of the in vitro tested samples providing 

much less variability in damage modes visualised compared to the retrievals. The increased 

variability in the retrieved devices used from Stratton-Powell et al. (2016) study was most likely 

due to the different loading and kinematics through a range of ADLs, individual’s weight and 

number of years implanted. The nature of the displacement controlled simulators used in this 

project ensured the same loading and kinematic inputs are applied throughout the testing 

duration, while each of the patients implanted with the AES system will not have the same gait 

for each step. Furthermore, it could not be determined if each retrieval analysed from Stratton-

Powell et al. (2016) represented damage modes from a one-off adverse event such as dislocation 

or the damage was caused by prolonged wear from repetitive loading. This also makes it not 

possible to assign a timeline to each wear and damage mode identified. All these factors discussed 

add to differences in clinical damage modes seen between the simulated and retrieved devices, 

irrespective of implant design.  

3.6 Conclusion 

In addition to establishing a wear simulation methodology, this study has furthered the 

understanding of the effects of implant parameters on the wear of MB devices. Under the same 

loading and motion conditions, the mean wear rates and topographic changes were unaffected 

by the different implant size. The evidence from this Chapter could, in the future, help surgeons 

with their intra-operative choice of the optimal implant parameters for varying patient 

demographics. There was also a positive indication that accelerated artificial ageing of 

conventional UHMWPE inserts resulted in increased wear rates over non-aged implants, during 

the steady-state phase. However, the aged components demonstrated no indication of structural 

failure or failure under the ISO 22622:2019 kinematic and loading profiles. The wear results from 

both studies were comparable to those previously published for MB implants, under simulator 

displacement control. With increasing implant life expectancy in vivo, wear rates of this 

significance may augment the risk of wear debris induced osteolysis and subsequent implant 

loosening.  
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CHAPTER 4 

THE EFFECT OF SIMULATOR PARAMETERS ON THE 

WEAR OF A TOTAL ANKLE REPLACEMENT 

4.1 Introduction 

Each of the previous TAR in vitro wear studies, including the research presented in Chapter 3, 

have successfully used a variety of mechanical knee simulators to recreate ankle loads and 

kinematics. Given that ankle specific simulators are not commercially available, the use of a knee 

simulator allows more institutions and testing facilities to perform wear based studies of the ankle. 

However, differences in simulator hardware, coupled with varying experimental conditions, make 

it challenging to compare the wear results between different simulator types.  

First generation pneumatically controlled simulators have been used extensively over the past 

twenty years to determine wear of TKRs under standard gait conditions (McEwen et al., 2001; 

Barnett et al., 2002; Galvin et al., 2009; Brockett et al., 2012; Abdelgaied et al., 2014; Brockett et 

al., 2016). The simulators have six DoF, with three of the four axes of motion being pneumatically 

controlled and FE motion being electromechanically controlled. The lack of fully independent 

control was however, a limitation with this simulator model (Barnett et al., 2002; McEwen et al., 

2005; Brockett et al., 2016). For example, it was difficult to control the air supply with regards to 

the positioning, accuracy and repeatability of the implants between stations (Barnett et al., 2002). 

Pneumatic control has also been associated with a lag in output kinematics, meaning that the 

simulators were unable to rapidly respond to the desired input motions, leading to higher inter-

station variability and possible influence on implant wear rate (Brockett et al., 2012).  

Modern generation pneumatic simulators, including the one used for the implant size comparison 

wear study (KSpn) (Chapter 3), possess independent air supply for each station, which allows for 

station-specific tuning. In theory, this should have improved output kinematic following and 

reduced inter-station variability, when compared to the first generation pneumatic simulators. In 

practice, KSpn was able to produce relatively low inter-station variability throughout the UoL 

input profiles (Smyth et al., 2017) for AL, tibial IER and FE, with the latter being driven 

electromechanically (Section 3.4.1). However, even when tuning the PID controls of KSpn, there 

remained large variability in AP displacement output profiles between stations, causing the 

simulator to produce greater AP displacement than the required input value. KSpn was also 

unable to attain the maximum output tolerances (± 5%) compared to the desired inputs for AL 

and tibial IER, with a phase lag being present. The electromechanically driven FE cradle was able 

to achieve the peak FE profile tolerance of the UoL profile, suggesting that other axes of the 

simulator should be run under electromechanical control, to further reduce inter-station 

variability and improve loading and kinematic following.  
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In the last decade, electromechanical knee simulators (KSem), with five fully independently 

controlled axes of articulation for each station, have been developed to meet the increased 

demands of joint simulation. The main advantage of KSem over a pneumatic system, is the 

removal of balancing of the air supply of independent stations and improved ability of the motor 

to respond rapidly to the variation in load and kinematics (Ali et al., 2016). These improvements 

should allow the user to produce improved loading and kinematic following of the selected input 

profiles. Greater accuracy and precision in output load and motion profiles compared to the 

desired input profiles results in a better representation of implant wear. The first objective of this 

Chapter was therefore, to determine the wear of a modern MB device using KSem, compared to 

previous wear data from KSpn (Chapter 3), under the same displacement controlled (UoL) 

simulator gait inputs and experimental conditions (Smyth et al., 2017).  

The simulator type comparison study used the same loading and kinematic input profiles, 

developed at the UoL (Smyth et al., 2017), to determine the effect of the simulator model on 

implant wear. More recently, ISO 22622:2019 was published, providing universal input 

parameters and experiment conditions to determine the wear rates of future TAR devices. 

However, no published studies have used ISO 22622:2019 to measure implant wear. Thus, the 

second objective of this Chapter was to determine if the recommended loading and kinematic 

input profiles in ISO 22622:2019 would produce comparable implant wear rates to the same 

device simulated under UoL profiles.  

The combination of the two objectives discussed above will help to achieve the overall aim of 

the Chapter, being to investigate the effect of varying simulator parameters on the wear of a 

modern MB device. Improving the understanding of simulator parameters on the tribological 

behaviour of MB devices is essential for improving pre-clinical methods, and ultimately future 

device development.  

4.2 Materials 

Following the non-significant difference found in wear rate between implant sizes in Chapter 3, 

six medium sized BOX® ankles were selected for use in both simulator parameter studies, with 

a 5mm insert thickness. The bearing batch and LOT numbers for the six medium-sized samples 

are shown in Table 12. The same implants were used for both simulator parameter studies, with 

the first 3 Mc being run under UoL loading and kinematic profiles and the remaining 2 Mc under 

ISO 22622:2019 profiles. 

Table 12. Bearing details for the medium sized implants. 

Implant Size Tibial Talar UHMWPE Insert 

Medium 
161-140 

219814 

161-340 

219562 

161-245 

226126 
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4.2.1 The Simulator and Calibration Set-up 

The KSem had six fully independent stations, separated across two banks. The implants were 

inverted, causing rotation and displacement to be applied about the tibial component. Each 

station of KSem contained a six-axis load cell and displacement sensors for each controlled axis, 

which permitted the simulator output profiles to be determined and compared to the desired 

input profiles. Six medium sized delrin fixtures were manufactured to ensure talar alignment in 

the medium sized components about the simulators centre of rotation (Appendix A.3). The 

calibration process of KSem is detailed in Chapter 3 (Section 3.2.2) and the calibration record for 

each station has been documented in Appendix C.3.  

4.2.2 Simulator Kinetics and Kinematics 

The first study condition comparing the effect of simulator type on implant wear was run under 

UoL profiles (Section 2.3.1), while the second condition compared the effect of the UoL profile 

against the recently published ISO 22622:2019 recommended profiles. The differences between 

the loading and kinematic input profiles of UoL and ISO 22622:2019 have been displayed in 

Figure 52, while the differences in profile peak values are detailed in Table 13.  
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Figure 52. ISO standard input profiles (red) compared to the previously simulated UoL (blue) 
input profiles for AL (A), FE angle (B), IER angle (C) and AP displacement (D).  



114 

 

Table 13. Comparison of peak inputs from University of Leeds (UoL) and ISO 22622:2019 
profiles. 

 

Both displacement controlled simulator inputs had similar tibial IER and FE profiles (Figure 53), 

but a difference in polarity (i.e. direction of application) was apparent in the FE profile. For the 

ISO 22622:2019 input profile, extension in KSem was used to mimic dorsiflexion (positive) and 

flexion motion was used to measure plantarflexion (negative), while the UoL FE profile was run 

in the opposite direction (Figure 53). The ISO 22622:2019 profile also used a reduced peak AL 

(2365.7 N) and AP displacement ROM (3.0 mm) compared to the UoL profile (3150 N and 4.0 

mm, respectively). Figure 54 exhibits the sign conversion alongside the positive directions of the 

load and motion for a left ankle joint, according to ISO 22622:2019. 

 

 

4.3 Methods 

KSem was run for 3 Mc under the UoL profile to compare the effect of simulator type. The same 

inserts were then run for an additional 2 Mc under ISO 22622:2019 profiles, to investigate the 

effect of varying simulator inputs on implant wear. The re-use of samples within the same wear 

simulator study is not an unusual practice, with earlier studies using worn samples throughout 

their tests to determine the influence of varying kinematic inputs on the wear rates of TKR 

(McEwen et al., 2005) and TAR (Smyth et al., 2017). 

Both studies using KSem applied the same methodological approach and experimental 

conditions as discussed in Chapters 2 and 3. KSem was run under displacement control with an 

operating frequency of 1 Hz (Section 2.3.8). The lubricant contained 25% bovine serum diluted 

Input Axial Load (N) DF/PF (°) Tibial IER (°) AP Displacement (mm) 

ISO 22622:2019 191.5 to 2365.7 +15.0 to -15.0 -2.45 to +8.02 +1.45 to -1.55 

UoL 100 to 3150 -15.0 to +15.0 -2.3 to +8.0 +3.1 to -0.9 

Figure 53. Schematic diagram with sign convention for the loading and kinematic profile 
directions from ISO 22622:2019 (A) and University of Leeds (Smyth et al., 2017) (B) of a left 
implant in the inverted position. 
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with 0.04% sodium azide solution (Section 2.3.9), resulting in a final protein concentration of 

15.75 g/L (Appendix D.2). The serum was replaced every 330,000 cycles to ensure a continued 

protein content was maintained. After each Mc, the components were moved between stations 

to determine inter-station variability and contact area checks were performed to ensure similar 

component positioning across stations (Section 2.3.5).  

The mean and independent loading and kinematic output profiles from the six stations of KSem 

were compared to the desired simulator input requirements. Differences between output and 

input kinematics were calculated and averaged across the six stations as a percentage of the 

corresponding maximum demanded. They were then compared to the maximum tolerance of 

the output kinematics (± 5%). Tuning of the PID control parameters of KSem was completed 

for each station after every serum chance and start of a new Mc. This was performed to optimise 

output profiles compared to the desired input demand and reduce inter-station variability 

(Section 2.6).  

Prior to the start of the wear simulation, the conventional UHMWPE inserts were soaked in 

deionized water for a minimum of four weeks. Wear was determined gravimetrically at 1 Mc 

intervals, with an unloaded soak control being used to monitor moisture uptake and weighing 

conditions. Cumulative volumetric wear was calculated for the independent stations and the 

mean wear rate was then determined for all six stations of KSem for both simulator type and 

input conditions (Section 2.4). The wear results from the first 3 Mc in KSem were compared to 

previous data obtained for the same sized implant in KSpn (Chapter 3). Although the implants 

were run for 5 Mc in KSpn, the same wear time point of 3 Mc was selected, to allow for a direct 

comparison of wear rates between the two simulator models.  

 

1. Talar component 

2. Implant 

3. Tibial component 

4. Axis of IER and AL 

5. Dorsi-/plantarflexion test axis 

6. AL (on the tibial component) 

7. AP displacement by the tibial component 

8. Tibial component IER 

A. Posterior 

B. Medial 

C. Lateral 

D. Anterior 

E. Superior 

F. Inferior 

G. Frontal plane 

H. Sagittal plane 

Figure 54. Sign convention and positive directions for the load and motion, shown for a left ankle 
joint-prosthesis. Adapted from ISO 22622:2019.  
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The first Mc (0-1) in both implant parameter studies (Chapter 3) was associated with a 

significantly higher wear rate, which was referred to as the run-in phase. The steady-state wear 

rate (1-3 Mc) from the simulator type study, under UoL inputs, was compared to the wear rate 

after an additional 2 Mc of ISO 22622:2019 inputs on the same inserts. A comparison between 

run-in wear rates (0-1 Mc) would not have been appropriate, as the run-in phase could not be 

conducted twice on the same implants. This is especially since the first Mc in both implant 

parameter studies (Chapter 3) was associated with a significantly higher wear rate. This study 

followed a similar kinematic input comparison study by Smyth et al. (2017), which explored 

varying input conditions at 2 Mc intervals and determined that changes in surface roughness (Ra) 

were reduced after the initial ‘run-in’ period.  

2D contact surface measurements were taken on each of the bearing surfaces of the implants, 

with average surface roughness (Ra), maximum profile peak height (Rp), maximum profile valley 

depth (Rv), surface skewness (Rsk), and surface kurtosis (Rku) being determined (Section 2.7). 

This process was performed at the end of the simulator type (3 Mc) and simulator input (5 Mc) 

studies, which allowed comparisons of the topographic changes between the simulator 

conditions. During the study on KSpn (Chapter 3), the topographic assessment was performed 

at the end of the 5 Mc, resulting in roughness changes not being measured at the same time point 

as the study in KSem (under the same UoL inputs). As the implants in KSpn were exposed to a 

longer simulation period between measurement points (increased likelihood of continued surface 

damage), no statistical analysis was performed between the post-simulation measurements. 

Instead, the pre-and post-simulation contact measurements were compared statistically to 

determine if the same trend in topographic changes occurred in both simulator types. The 

topographic changes were also compared statistically between the simulator input conditions.  

The superior inserts from both simulator parameter studies were visually inspected and digital 

images were taken to establish the mode of wear and the extent of damage. Damage modes 

defined by Hood et al. (1983) (Section 2.8) were visualised using non-contact microscopy. The 

simulated inserts from both simulator parameter study conditions were also compared to 

previously simulated devices, as well as a collection of MB implant retrievals within the UoL 

retrieval bank (Section 2.9).  

To compare the mean wear rates (95% CL) between the simulator types and simulator inputs, a 

student’s (independent) t-test was used. Whereas, a paired (dependent) t-test was used to 

determine the wear rate differences between run-in and steady-state wear phases. Additional 

paired t-tests were also applied to verify the pre- and post-simulation topographic changes in the 

simulator type study. Again, a student’s t-test was used to determine the difference in topographic 

changes between simulator input conditions during steady-state wear. Significance level was 

accepted at the p ≤ 0.05 level and all statistical analysis was conducted using SPSS v26.0 (SPSS 

Inc, Chicago, USA). 
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4.4 Results 

4.4.1 Simulator Loading and Kinematic Performance 

Pneumatic vs Electromechanical  

During the 2 Mc, one of the bearing inserts (implant 5 in station 6) dislocated during simulator 

set-up after a serum change, which resulted in metal-on-metal contact between the tibial and talar 

components and significant deep scratching on both articulating surfaces. The set-up error 

occurred due to the meniscal insert shifting and not being positioned centrally on the tibial 

bearing surface. The extent of the surface damage would have had a significant effect on the 

samples’ wear rate, which would have in turn, influenced mean wear rate and subsequent 

conclusions drawn from the study. The sample was therefore removed from the study, leaving 

the remaining five implants to undergo the rest of the wear simulations.  

In order to understand the differences between the simulator types, the mean (Figure 55) and 

station specific (Figure 56) simulator loading and kinematic outputs were compared across the 

gait cycle to the desired UoL input profiles. The mean (± 95% CL) peak output AL was 3158.8 

± 2.4 N, which compared well to the desired peak output of 3150 N. In addition, KSem was able 

to produce the peak AL (0.3%) within the tolerances of the desired input AL (± 5%). Despite 

the attempts to tune and scale the output loading and kinematic profiles through the adjustment 

of the simulator PID control parameters, KSpn was unable to attain the desired AL demand, 

producing a substantially lower mean peak value of 2542.3 ± 86.5 N (Figure 55A). The 

substantially lower AL, which aimed to mimic heel-strike, was outside of the maximum output 

tolerance for peak AL (-19.3%).  

During the swing phase, neither simulator was able to remain within maximum output tolerance 

(± 5%), in relation to the desired swing phase load of 100 N. KSem was unable to attain the 

desired load, producing a lower output mean load of 67.0 ± 5.1 N, which was out of the 

maximum output tolerance (-33.0%). Whereas, KSpn produced a larger AL (222.1 ± 11.0 N) 

during the swing phase than the desired maximum input, which also resulted in the simulator 

failing to produce output AL within the tolerance of the peak AL (112.1%). The pneumatic 

control system of KSpn produced substantial oscillations in the output profiles, while the 

simulator could not rapidly respond to the input AL cycle. This resulted in a small lag of 

approximately 0.05 seconds in AL output profile for all stations (Figure 55A).  

Figure 56A displays a greater variance in output loading profiles between the six stations in KSpn 

compared to KSem. This was particularly apparent during the start of each cycle, before attaining 

peak AL and in the swing load phase. Each station from KSem produced higher AL than the 

desired peak AL input, while all stations from KSpn produced lower load than the selected input. 

All six stations from both simulator types produced significant resonance in the output profile 

during the swing load phase. This deviation from the desired output was more apparent in KSpn, 
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and was likely the result of the simulators inability to maintain such a low load, particularly when 

the desired swing load occurred straight after the peak AL. This may also be a limitation of the 

load cell calibration, particularly during the low loads replicating the swing phase. The FE axis 

on both simulators was driven electromechanically, therefore it was not unexpected that each 

simulator performed similarly and were both capable of accurately following the FE angle input 

profile throughout the gait cycle and attaining the intended peak values for plantarflexion and 

dorsiflexion (± 15.0°) (Figure 55B). The mean peak output plantarflexion and dorsiflexion angles 

were 15.7 ± 0.0° and -15.2 ± 0.0° in KSem, compared to 15.1 ± 0.0° and -15.0 ± 0.0° in KSpn 

(Figure 55B). Both KSem and KSpn were able to produce outputs within the maximum output 

tolerance (± 5%) for peak plantarflexion (4.9% and 0.5%) and dorsiflexion (1.3% and 0.0%) 

angles. The tight CL throughout the gait cycle also demonstrated that the variance between 

stations was negligible in both simulator types (Figure 56B).  

 

Figure 55. Simulator input (black) and output profiles (red) (mean ± 95% CL, n = 6) across all 
stations for AL (A), FE angle (B), tibial IER angle (C) and AP displacement (D) from the 
electromechanical (red) and pneumatic (blue) simulators. 
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The KSem was able to produce a mean peak external rotation angle of 8.0 ± 0.0°, which was 

considerably higher than the mean output angle produced by KSpn (7.2 ± 0.1°), and more closely 

matched the desired external rotation input angle of 8.0° (Figure 56C). This resulted in KSem 

being within the maximum output tolerance (-0.4%) for peak input external rotation angle, while 

KSpn was unable to attain external rotation peak angle within the maximum tolerance (-9.5%) of 

the UoL input profile (Figure 55C). KSem (-2.2 ± 0.0°) was also able to reproduce the peak 

internal rotation angle (-2.3°) more closely than KSpn (-1.5 ± 0.3°). Similarly, KSem remained 

within the maximum output tolerance for internal rotation (-4.0%), while KSpn produced 

significantly lower mean peak internal rotation angle outside the output tolerance (-32.9%). The 

small CL measured for mean peak IER angles in KSem demonstrated that there was insignificant 

inter-station variability, which was apparent for the rest of the gait cycle (Figure 56C). There was 

larger variation in rotation profiles in KSpn, with station 1 producing greater external rotation 

than the desired input demand, with the other five stations being unable to reproduce the peak 

Figure 56. Simulator input (black) and output profiles for each station of KSem (red) and KSpn 
(blue) for AL (A), FE angle (B), tibial IER angle (C) and AP displacement (D). 
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external rotation angle of 8.0° (Figure 56C). KSpn caused a phase lag of around 0.05 seconds 

between the rotation demand and associated output profiles across the six stations (Figure 56C). 

This lag could be attributed to problems of data logging within KSpn.  

Despite the attempts to optimise the kinematic output performance of both simulators through 

PID tuning, the corresponding mean peak AP displacements achieved by KSem (3.3 ± 0.1 mm) 

and KSpn (3.6 ± 1.0 mm) were slightly higher than the desired UoL peak AP displacement of 

3.1 mm (Figure 55D). This resulted in both simulators failing to remain within the maximum 

output tolerance for peak input AP displacement (KSem = 6.5%; and KSpn = 10.2%). All six 

stations of KSem produced slightly higher AP displacement than the peak simulator input, but 

variance between stations was limited (Figure 56D). KSpn produced substantially greater inter-

station variability throughout the 3 Mc, with three stations (2, 5 and 6) producing greater mean 

AP displacement compared to the input demand requested, while the other three stations (1, 3 

and 4) maintained a reduced AP motion (Figure 56D). Each station of KSpn also possessed a 

phase lag, which occurred just after peak AL rather than in phase with it. This lag phase was not 

apparent in KSem, with peak AP displacement occurring around the same time period as 

maximum AL during stance. 

University of Leeds vs ISO Input Profiles 

Figure 57 shows the mean (± 95% CL) output profiles from KSem compared to the 

corresponding ISO 22622:2019 inputs. Figure 58 presents the inter-station variability for each 

output profile against the desired input. KSem was able to produce a mean peak AL (2378.2 ± 

2.9), which was comparable to the desired peak AL (2365.7 N) (Figures 57A). In addition, KSem 

achieved the recommended ISO 22622:2019 AL peak input (0.5%) within its maximum output 

tolerance (± 5%). Five of the six stations produced slightly greater peak AL, while station 3 

tended to underload the device throughout the 2 Mc (Figures 58A). Each station of KSem 

continued to display oscillations in the output AL profile during the period of low load, which 

was likely related to load cell calibration during low loads.  

KSem was capable of accurately following FE angles throughout the majority of the input gait 

cycle (Figure 57B). The mean peak output flexion (dorsiflexion) and extension (plantarflexion) 

angles were 15.1 ± 0.0° and -16.8 ± 0.0°, respectively, compared to the peak input value of ± 

15.0°. This resulted in the simulator being able to produce a mean peak dorsiflexion angle (0.4%) 

within the input tolerance (± 5%). Each of the stations’ output profiles were tuned to replicate 

the desired input profiles to the simulators best ability. Despite this, all six stations over-shot the 

required peak plantarflexion angle (Figure 58B) and failed to remain within output tolerance 

(12.0%). This was likely due to the quick transition between peak dorsiflexion and plantarflexion 

angles, with the simulator overshooting the latter. This finding was apparent on all six stations, 

with limited variability between stations, as shown by the negligible CL for peak output angles 

and throughout the ROM (Figure 58B).  
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Tibial IER was the most closely followed input profile (Figure 57C), with limited variability 

between the six stations for the peak values and ROM (Figure 58C). KSem achieved a mean peak 

external rotation angle of 8.0 ± 0.0° and internal rotation angle of -2.2 ± 0.0°, which compared 

well to the peak input values of 8.02° and -2.45°, respectively. The simulator was able to 

successfully run tibial IER, as both peak internal (-4.0%) and external rotation (-0.4%) output 

values were within the maximum output tolerance for peak IER (± 5%). KSem also continued 

to produce greater AP displacement (1.6 ± 0.0 mm) than the desired input (Figure 57D), when 

running under UoL input profiles (Figure 55D). All six stations produced higher displacement 

than the intended peak anterior displacement, resulting in KSem not being within the maximum 

output tolerance (7.4%).  

 

Figure 57. Simulator input (black) and output profiles (red) (mean ± 95% CL, n = 6) across all 

stations for AL (A), FE angle (B), tibial IER angle (C) and AP displacement (D) for the duration 

of the simulation (2 Mc). 
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4.4.2 Wear Rate Comparison 

Pneumatic vs Electromechanical  

The cumulative and mean wear rates (± 95% CL) for the medium sized implants in both 

simulator types are shown in Figures 59 and 60. Despite the closer following of the UoL input 

profiles in KSem, there was no statistically significant difference (p = 0.378) in mean wear rate 

between simulator types (KSem = 17.18 ± 5.46 mm3/Mc and KSpn =14.51 ± 5.27mm3/Mc) 

after 3 Mc.  

Similar to the implant parameter studies (Chapter 3), the gravimetric wear measurements were 

further separated into two wear phases: initial run-in phase (0-1 Mc) and steady-state phase (1-3 

Mc). The wear rate during the run-in wear phase in KSem measured 22.38 ± 9.41 mm3/Mc, 

Figure 58. Simulator input (black) and mean output profiles from each of the six stations for AL 
(A), FE angle (B), tibial IER angle (C) and AP displacement (D) for the duration of the simulation 
(2 Mc).  
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which was not significantly different (p = 0.997) to the run-in wear rate from KSpn (22.40 ± 9.74 

mm3/Mc) (Figure 60). After the initial Mc, the steady-state wear rate reduced significantly to 9.59 

± 3.02 mm3/Mc (p = 0.007) and 7.11 ± 3.12 mm3/Mc (p = 0.003) in KSem and KSpn, 

respectively. However, there was no significant difference (p = 0.170) between simulator type 

during steady-state wear phase.  

The large variability (± 95% CL), evidenced by the error bars in Figure 60, demonstrates that 

there was some variation in wear rates between individual inserts. This variability was most 

apparent during the run-in wear phase (Figure 60). As for all the simulator studies in this project, 

inserts were moved between stations to reduce the effect of inter-station variability, due to the 

possibility one station may apply higher or lower loads and kinematics than the desired input 

profiles (Section 4.4.1). The variability in volumetric wear for both the inserts and stations in 

KSem are shown in Figure 61. 

During the run-in wear phase (0-1 Mc), sample 3 (29.93 mm3) and 6 (29.28 mm3) experienced 

higher wear rates in stations 3 and 6, respectively (Figure 61). However, this effect was not 

sustained throughout the further 2 Mc’s for each of the stations during the steady-state wear 

phase. This finding may be a result of the manufacturing tolerance of the insert rather than the 

specific simulator stations. There were also no noticeable changes between stations, in terms of 

reproducing tibial rotation, which has previously been shown to have a significant effect on 

implant wear (Smyth et al., 2017). All the stations produced substantially higher peak 

Figure 59. Cumulative mean wear rates (mm3) with ± 95% CL for the medium sized implants 
within the electromechanical (red) and pneumatic (blue) controlled simulators after 3 Mc (n = 
5). 
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plantarflexion than the desired maximum input, which affected each of the 6 samples throughout 

the 3 Mc simulation. KSpn showed much higher variability in wear rates between inserts and 

stations (Section 3.4.2). 

 

 

 

Figure 60. Mean run-in and steady-state wear rate (mm3/Mc) with ± 95% CL for the medium 
sized implants within the electromechanical (red) and pneumatic (blue) controlled simulators 
after 3 Mc (n = 5). 
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Figure 61. Individual wear rates for the medium sized inserts during each Mc (n = 5), with the 
colours representing the station within the electromechanical simulator. 
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University of Leeds vs ISO Input Profiles 

Even after the addition of the different simulator inputs on the previously worn components, 

there was no significant difference (p = 0.054) in the mean steady-state wear rate between the 

ISO 22622:2019 (13.07 ± 3.05 mm3/Mc) and UoL (9.59 ± 3.02 mm3/Mc) input profiles after 2 

Mc (Figure 62). With regard to the inter-station variability, sample 6 was found to have 

substantially higher wear rate during the first Mc compared to the other four samples (Figure 63). 

However, this effect did not remain for the following Mc. This was more than likely due to 

machining tolerance or potential malalignment of the insert when setting up between serum 

changes, rather than inter-station variability due to inadequate loading and kinematic capabilities.  

 

4.4.3 Surface Topographic Results 

Pneumatic vs Electromechanical  

The mean (± 95% CL) surface topographic parameters for the medium sized implants in both 

pneumatic and electromechanical simulators are presented in Appendix E.3. Prior to the start of 

the wear simulation, there were no statistically significant differences (p ≥ 0.05) in mean 

topographic parameters of the unworn bearing surfaces between simulator types. The 

topographic changes of the implants run under pneumatic control for 5 Mc, can be found in 

Section 3.4.3.  

Average Surface Roughness (Ra) 

There was a notable reduction in Ra at the bearing surfaces of the conventional UHMWPE, while 

Ra tended to increase for the different regions of the metallic components. The trends in 

Figure 62. Mean steady-state wear rate (mm3/Mc) with ± 95% CL for the medium sized implants 
simulated under ISO 22622:2019 (red) and University of Leeds (blue) loading and kinematic 
inputs for 2 Mc (n = 5). 
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topographic changes in Ra between pre-and post-simulation were comparable between simulator 

types, particularly at the insert bearing surfaces. 

 

The mean medial, central and lateral curved regions of the inferior articulating surfaces of the 

conventional UHMWPE inserts significantly reduced in Ra by 53.85% (p = 0.002), 61.40% (p = 

0.001) and 55.73% (p = 0.000), respectively. The less curved surface of the superior insert had an 

even greater reduction (p = 0.000) in mean Ra (91.87%). The reduction in Ra for both articulating 

UHMWPE surfaces indicated that the peaks on the surface were flattening, which was likely 

related to the removal of the machining lines and polishing of the surface, particularly during the 

run-in wear phase (Section 4.4.4). A significant increase in Ra occurred at both the tibial (p = 

0.012) and central region of the talar articulating surfaces (p = 0.020) between the pre- and post-

simulation measurements.  

Maximum Profile Peak Heights (Rp) 

The greatest change in Rp occurred at the superior insert surface, with a significant (p = 0.000) 

reduction of 90.94%. Each region of the curved inferior insert surface demonstrated significantly 

reduced Rp (p = 0.000). The tibial bearing surface showed a significant increase in Rp between 

topographic measurements (p = 0.039), while the medial (p = 0.011), central (p = 0.005) and 

lateral (p = 0.014) regions of the talar components also indicated significant increases in Rp.  

Maximum Profile Valley Depth (Rv) 

Following a similar topographic change pattern, the superior insert surface was found to have 

the largest significant (p = 0.000) decrease in Rv (87.50%) from pre-to-post wear simulation in 

Figure 63. Individual wear rates for the medium sized inserts during each Mc (n = 5), under ISO 
22622:2019 loading and kinematic inputs. Each colour represents the specific station within the 
electromechanical simulator. 
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KSem. All three regions of the inferior insert surface also exhibited statistically significant 

reductions (p = 0.000). The medial (p = 0.001), central (p = 0.016) and lateral (p = 0.003) regions 

of the talar components demonstrated significant increases in Rv, as well as the bearing surface 

of the tibial component (p = 0.043). 

Surface Skewness (Rsk)  

Each of the articulating surfaces, independent of material, demonstrated a negative Rsk after 3 

Mc. Due to the large variability (± 95% CL) between the five samples measured, Rsk was not 

found to be significantly different between pre-and post-simulation (p ≥ 0.05). The only 

significant finding was found at the central curved region of the inferior insert surface (p = 0.017; 

827.27%) after 3 Mc of continued articulation. 

Surface Kurtosis (Rku) 

Each articulating surface had an increased Rku value after 3 Mc, with the superior insert surface 

producing a 717.84% increase in Rku (p = 0.005). The medial side of the inferior insert was 

significantly higher post-simulation (p = 0.025), while the central (p = 0.119) and lateral (p = 

0.218) regions did not significantly differ from the unworn surfaces. All the metallic surfaces were 

also significantly (p ≤ 0.05) between the pre-and post-simulation measurements.  

University of Leeds vs ISO Input Profiles 

The medium sized inserts underwent an additional 2 Mc of ISO 22622:2019 loading and 

kinematic inputs, to determine if there was any significant topographic changes between the two 

input profiles. The tables displaying the mean (± 95% CL) surface topographic parameters for 

each of the articulating surfaces can be found in Appendix E.4.  

Following a similar trend to the measured topographical changes under the UoL profile at 3 Mc, 

the superior insert bearing surface continued to exhibit the greatest reduction in Ra (30.00%), Rp 

(25.00%) and Rv topographic parameters. Nevertheless, none of these topographic changes at 

the superior insert surface and other articulating surfaces of the implants were statistically 

significant (p ≥ 0.05) between the differing loading and kinematic profiles at 3 Mc and 5 Mc, 

respectively. Each of the bearing surfaces continued to have a negative Rsk, independent of 

material and simulator input. The lateral region of the talar articulating surface was found to have 

a significantly lower (p = 0.000) Rsk after the additional 2 Mc of ISO 22622:2019 profiles, when 

compared to the mean value recorded after 3 Mc under the UoL input profile (400.00%). 

However, the associated variability for each of the bearing surfaces was relatively high at both 

topographic measurement points. The medial (p = 0.407) and central region (p = 0.864) were not 

significantly different between the input profiles, nor between both articulating surfaces of the 

conventional UHMWPE. The Rku continued to increase at each of the bearing surfaces, with 

significant differences being found at the central (p = 0.000) and lateral (p = 0.041) curved regions 

of the talar components. 
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4.4.4 Visual Damage Mode Comparison 

Pneumatic vs Electromechanical 

Figure 64 depicts the visual damage modes found at the superior insert surface after 3 Mc of 

continued articulation on KSem. The wear damage modes produced by KSpn can be found in 

Section 3.4.4. Both simulators produced comparable wear damage modes, with significant 

polishing and the removal of the machining lines on the superior insert surfaces, demonstrating 

strong evidence of burnishing. There were also obvious signs of abrasive wear, pitting, material 

on the surface, and multidirectional scratching (Figure 65).  

Evidence of burnishing and multidirectional scratching were also found at the inferior bearing 

surface of the conventional UHMWPE from both simulator types. However, these damage 

modes could not accurately be imaged on the Alicona system, due to the large curvature of the 

inserts. There was evidence of polyethylene transfer and multidirectional scratching within the 

polyethylene contact area on the tibial components, while the talar components displayed fine 

unidirectional scratching aligned in the AP direction from both simulators. The talar components 

also showed signs of scratching perpendicular to the direction of primary articulation, caused by 

the multidirectional rotational and displacement motions at the MB bearing surface. 

 

Figure 64. Photographs of five medium sized superior insert surfaces after 3 Mc in the 
electromechanical simulator (KSem), under University of Leeds (UoL) loading and kinematic 
input profiles. Machining lines are no longer visible and there are clear signs of abrasive wear, 
burnishing and multidirectional scratching across the articulating surface. 

5mm 
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Figure 65. Damage modes on the superior bearing insert surface of the five medium sized 
implants after 3 Mc (n = 5): A-C = Burnishing; D-F = Scratching; G-I = Pitting; J-L = Abrasive 
wear; M-O = Material on the surface. Multiple damage modes were captured with the Alicona 
InfiniteFocus microscope (20x resolution). 

C 

J 

 

M 

 

G 

F 

 

D 

 

K 

 

L 

H 

 

I 

 

E 

 

B 

N 

 

O 

 

A 

0.5 mm 



130 

 

University of Leeds vs ISO Input Profiles 

The ISO 22622:2019 loading and kinematic profiles produced comparable wear damage modes 

to the UoL profiles, with continued abrasive wear, burnishing and multidirectional scratching on 

the superior insert surfaces (Figure 66). The non-contact Infinite Focus microscope (Alicona, 

Austria) also identified areas of pitting and material transfer on the superior insert samples (Figure 

67). The material found on the surface was not defined, but was likely to be proteins from the 

bovine serum that had adhered to the bearing surface. There was continued evidence of 

polyethylene transfer and multidirectional scratching within the conventional UHMWPE contact 

area on the tibial components. The articulating surface of the talar components also displayed 

multidirectional scratching, due to the mobile nature of the device. Both studies demonstrated 

similar visual wear damage modes to that seen in the implant parameter studies in Chapter 3 

(Section 3.4.4) and to previously simulated and retrieved MB implants (Section 3.5.4).  

 

 

Figure 66. Photographs of the six medium sized superior insert surfaces after 5 Mc, with the last 
2 Mc being run under ISO 22622:2019 loading and kinematic input profiles. Machining lines are 
no longer visible and there are clear signs of abrasive wear, burnishing and multidirectional 
scratching across the whole articulating surface (n = 5). 

5mm 
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Figure 67. Damage modes on the superior bearing insert surface of the medium sized implants 
after an additional 2 Mc of ISO 22622:2019 loading and kinematic input profiles (n = 5): A-C 
= Burnishing; D-F = Scratching; G-I = Pitting; J-L = Abrasive wear; M-O = Material on the 
surface. Multiple damage modes were captured with the Alicona InfiniteFocus microscope (20x 
resolution).  
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4.5 Discussion 

It is common practice in the orthopaedic industry to validate a change in mechanical simulator 

through implementing wear simulations under comparable simulator inputs and experimental 

conditions. This is done to determine if both simulators are capable of producing similar wear 

rates, while observing each simulators ability to follow the desired loading and kinematic input 

profiles. The first study condition investigated the effect of two types of commercially available 

mechanical simulators (KSem and KSpn) on implant wear rate, topographic changes and damage 

wear mechanisms. Both simulators were run under the same simulator input profiles and 

experimental conditions developed at the UoL (Smyth et al., 2017). The wear results from the 

medium sized samples, which underwent testing in KSpn, are documented in the implant size 

study within Chapter 3. The second study condition used the same inserts within KSem to 

investigate the influence of the recommended ISO 22622:2019 loading and kinematic inputs on 

implant wear, as well as comparing the findings to the wear results produced under the UoL input 

profiles. To date, the present study conditions are the first to compare the wear of a third 

generation MB device between different simulator types and under the ISO 22622:2019 input 

profiles.  

4.5.1 Wear Rate Comparison 

Under equivalent input gait conditions, there was no significant differences in mean wear rate 

between the different simulator types (KSem = 17.18 ± 5.46 mm3/Mc and KSpn = 14.51 ± 

5.27mm3/Mc) after 3 Mc. The wear rates during the run-in (0-1 Mc) and steady-state (1-3 Mc) 

wear phases were also comparable between the simulator models. The addition of ISO 

22622:2019 input profiles for another 2 Mc did not have significant effect on steady-state wear 

when compared to UoL input profile condition. The comparable wear rates between simulator 

type and inputs was likely due to the similar loading and kinematic input profiles used (Section 

4.5.2).  

Both simulator parameter conditions (type and input profiles) produced comparable wear rates 

to the same implant design, independent of size and artificial ageing (Chapter 3). The mean wear 

rates also compared well to the previous ankle wear simulation literature, in which average wear 

rates ranged from 3.4 ± 10.0 to 25.8 ± 3.1 mm3/Mc (Affatato et al., 2007; Bell and Fisher, 2007; 

Smyth et al., 2017; Schipper et al., 2018). Section 3.5.3 provided a comprehensive review of the 

comparable wear rates of the MB design between different study conditions analysed within this 

thesis and of the TAR wear simulation literature. Nevertheless, caution needs to be taken when 

comparing the wear rates between simulator studies (even between the same implant designs), 

due to the varying experimental conditions and input profiles used.  

Regardless of the comparable wear rates between the UoL and ISO 22622:2019 input profile 

conditions, the latter now provides researchers with a universal set of recommendations 
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concerning implant set-up, experimental conditions and input profiles. This will further improve 

the consistency between wear studies and better allows comparisons between wear rates from 

different centres. The input comparison study in this Chapter, did however continue to use the 

experimental conditions developed at the UoL, which were also used in the implant parameter 

studies (Chapter 3). This removed the effect of varying experimental conditions and simulator 

type on the volumetric wear rate produced by both simulator inputs.  

4.5.2 Simulator Loading and Kinematic Performance 

There were obvious differences between the applied loads and kinematic outputs produced from 

both simulator types. The slightly lower wear rate found in KSpn was likely caused by the 

differences in the simulators’ ability to follow the desired loading and kinematic input profiles. It 

should be noted that both simulators underwent PID control parameter tuning at each restart, 

following a serum change, to reduce inter-station variability and improve the loading and 

kinematic following of the input conditions (Section 2.6). This meant that the kinematic 

performance of the simulators were able to reproduce the selected input profiles to the best of 

their ability.  

KSem attained the desired peak AL within ± 0.3% of the desired input AL (3150 N), while the 

mean peak load from KSpn was substantially lower 2542.3 ± 86.5 N and out of maximum output 

tolerance (-19.3%). This suggested that KSem possessed improved capability in following the 

desired loading profile, which were within maximum output tolerances. Despite the reduced peak 

AL applied by KSpn, the decreased magnitude was equivalent to approximately 3.7 times BW of 

a 70kg individual. This was closer to previous TAR simulation studies, which applied reduced 

loads equivalent to 2.57 and 2.32 times BW respectively (Affatato et al., 2007; Reinders et al., 

2015b). It was also more comparable to the recommended peak AL of 2365.7 N in ISO 

22622:2019, which based its recommended load from Reinders et al. (2015b) force-controlled 

simulator study. Both Affatato et al. (2007) and Reinders et al. (2015b) argued that the reduced 

AL corresponded with tibiotalar contact forces found at the implant in TAR patients, while other 

TAR wear simulator studies used loads based on contact forces of healthy participants or 

produced in cadaveric models (Stauffer et al., 1977; Procter and Paul, 1982).  

The differences in AL between simulator types were not identifiable in the measured wear rates. 

This finding may support the notion that wear rate is unrelated to the load applied at the implant, 

as the relationship between load and contact area is not linear (Liu et al. 2011). This finding was 

also supported in the simulator input study, with no significant differences in wear rates found, 

despite the lower AL in ISO 22622:2019. It should be noted that contact area was not directly 

measured in the wear studies, but this wear contact area was determined in samples from KSpn. 

As the same sized implant model was used in KSem studies (simulator type and inputs), it can be 

assumed that the wear contact areas are similar. The comparable contact areas may have resulted 

in similar contact pressures during the stance phase of gait. Increased contact pressures are 
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known to cause a reduction in wear rate (Baykal et al., 2014), therefore, the higher loads in both 

KSem and UoL profiles did not result in significantly higher wear rates.  

The AL from ISO 22622:2019 (2365.7 N) lies in the middle of the two profiles it was generated 

from (Reinders et al., 2015b; Smyth et al., 2017). At the time of the former study, there was no in 

vivo loading of TARs, so AL was scaled based on comparisons of the utilised models to in vivo 

loading of THR (Bergmann et al., 1993; Bergmann et al., 2001; Stansfield et al., 2003) and TKR 

(D’Lima et al., 2008; Mündermann et al., 2008; Kutzner et al., 2017). The AL progression was 

adapted from previous data on healthy patients (Seireg and Arvikar, 1975), while the peak AL 

was reduced by 30%, as loading is known to decrease in a replaced joint (Stauffer et al., 1977). 

This resulted in a peak AL of 2.5 times BW (1890N) (Reinders et al., 2015b), which was 

substantially lower than the latter study, which used a peak AL of 3.15 kN (4.5 times BW of a 

70kg individual) (Smyth et al., 2017). However, the study by Smyth et al. (2017) also predicted 

maximum loads from cadaveric anthropometric data from healthy individuals (Procter and Paul, 

1982). These findings suggest that the ISO 22622:2019 does not take into account the true 

contact forces at the bearing surface.  

More recent studies have begun predicting TAR contact forces through the use of finite element 

analysis (Yu et al., 2022) and patient-specific musculoskeletal modelling (Zhang et al., 2020). Both 

studies found peak contact force to be approximately 5.89 and 6.55 times BW, in patients 

weighing 60.00kg and 80.85 kg, respectively. These loads are considerably higher than those 

represented in ISO 22622:2019, suggesting that the current standard is under loading the 

implants. However, both studies are limited to a single patient’s data set, as well as the fact that 

the authors failed to consider the subtalar joint motion into the remodelling of the AJC. The 

findings from both the computationally driven studies should be used to drive future research 

into determining the true contact forces found at the AJC in the TAR population. Computational 

models driven from patient specific data will allow the development of normal and adverse 

loading conditions through a range of ADL, to then be inputted into a mechanical simulator to 

run more clinically relevant wear simulations of TARs. 

Both simulators drove the FE axis electromechanically and were successful in reproducing the 

desired FE input profiles throughout the gait cycle, which were within the maximum output 

tolerances for peak plantarflexion (KSem = ± 4.9%; and KSpn = ± 0.5%) and dorsiflexion 

(KSem = ± 1.3%; and KSpn = ± 0.0%) input values, respectively. However, when comparing 

the inputs between the UoL and ISO 22622:2019 profiles, the direction of application of the FE 

motion was reversed (Section 4.2.2). This is commonly referred to as the polarity of motions, 

which is the ‘sign convention’ within the simulator input profiles. Such differences in polarity 

may affect the kinematics at the bearing surfaces, alongside the contact mechanics and resultant 

implant wear of a TAR.  
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A computational study, which sought to reverse the polarity for tibial rotation and AP, focused 

on two TKR wear simulation standards (ISO 14243-3:2014 and ISO-14243-3:2004) (Abdelgaied 

et al., 2022). The change in polarity caused a reduction in contact area and increased contact 

stresses during the stance phase of gait in ISO 14243-3:2014, resulting in a lower computationally 

predicted volumetric wear rate (Abdelgaied et al., 2022). However, the effect of reversing the 

polarity of FE was not determined. It is also recognised that wear rate is dependent on many 

wear factors, such as sliding distance and cross-shear. The current study used the same implants 

in the input comparison study, with the FE profile being near identical (i.e. having the same peak 

and ROM parameters but with different polarities). Coupled with the comparable tibial rotation 

and similar AP displacement, the sliding distances and cross-shear ratios at the bearing surfaces 

were comparable and resulted in similar wear rates between the input conditions.  

Peak plantarflexion was applied at approximately the same time as the other loading and motion 

peak inputs, during early stance phase in the UoL profiles. Whereas, in the ISO 22622:2019 

profiles, peak dorsiflexion occurred at the same time as peak anterior displacement, with peak 

AL and external rotation occurring at different time points during stance. The difference in 

phasing between simulator inputs may have had an influence on the cross-shear velocities and 

contact mechanics, due to the varying position of the bearing during the different motion profiles. 

However, this effect was not enough to cause statistically significant differences in implant wear 

rate.  

KSem was able to attain the desired peak tibial IER angles within the maximum output tolerance 

(± 5%), while KSpn was outside the maximum output tolerance for both tibial internal (± 32.9%) 

and external (± 9.5%) rotation. Despite the difference between the two output profile angles 

being marginally small, the reduced tibial IER may have resulted in the lower wear rate in KSpn, 

particularly during the steady-state wear phase. A previous study comparing fixed TKRs, 

demonstrated that reducing the magnitude of tibial IER from ± 5° to ± 2.5° significantly lowered 

the wear rate from 9.8 ± 3.7 mm3/Mc to 3.9 ± 2.9 mm3/Mc (McEwen et al., 2005). This finding 

was substantiated in another FB TKR study, which showed a tenfold reduction in wear in the 

absence of tibial rotation (Johnson et al., 2001). MB TAR wear rates have also been shown to be 

highly dependent on the addition of tibial IER, particularly during the steady-state wear phase 

(Smyth et al., 2017). 

It has been indicated that increased tibial rotation causes greater frictional force in the direction 

transverse to the sliding motion (AP displacement) and multidirectional motion, at the uncoupled 

metallic-insert articulating surfaces (Bragdon et al., 1996; Wang, 2001). This process resulted in 

increased shear forces which triggered surface chain orientation to change throughout 

articulation, while initiating shearing of the polyethylene particles at the surfaces and subsequently 

resulting in increased implant wear (Bragdon et al., 1996; Wang, 2001). Therefore, the comparable 

tibial IER in the UoL and ISO 22622:2019 input profiles suggested that the implants continued 
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to articulate with multidirectional motion at the bearing surfaces, particularly at the tibial-superior 

insert interface, generating comparable wear rates (Bragdon et al., 1996; Wang, 2001). 

Both simulator designs produced slightly higher AP displacement than the desired peak input 

value and were outside of maximum output tolerance (KSem = ± 6.5%; and KSpn = ± 10.2%). 

The minor differences in the magnitude of AP displacement profiles did not appear to effect 

implant wear rate. The reduced AP displacement ROM in the ISO 22622:2019 input profile, was 

also not found to have a significant effect on the overall wear rate when compared to the UoL 

inputs. An earlier simulator based study on five Zenith (Corin Group PLC., Cirencester, UK) 

MB devices demonstrated this finding, with the wear rate depending solely on the addition of 

rotation, with the magnitude of AP displacement having no significant effect on implant wear 

rate (Smyth et al., 2017). The study by Smyth et al. (2017) demonstrated than an AP displacement 

of 4 mm produced non-significant difference in implant wear after 2 Mc (13.3 ± 2.5 mm3/Mc) 

compared to an increased AP displacement of 9 mm (11.8 ± 3.7 mm3/Mc) (Figure 68).  
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Figure 68. Mean (± 95% CL) wear rate (mm3/Mc) for the Zenith (Corin Group PLC., 
Cirencester, UK) mid-range implant sizes for the six 2 Mc stages from Smyth et al. (2017) 
kinematic comparison study (n = 5). Adapted from Smyth et al. (2017). 
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The AP displacement kinematic waveform from Smyth et al. (2017) was taken from the 

maximum displacement profile reported by Conti et al. (2006). This study calculated the motion 

through a 3D model-fitting technique which obtained 3D component positions from 2D 

fluoroscopic images. Conti et al. (2006) determined that in 10 patients implanted with the Agility 

(DePuy, Warsaw, USA) FB design, the mean AP displacement ROM was 3.5 mm during weight 

bearing dynamic gait conditions. Therefore, the 9 mm motion used in Smyth et al. (2017) does 

not represent the true motion occurring in the TAR patient population. These findings support 

the selection of a lower AP displacement of 4 mm in the wear studies in this thesis. 

The reverse has been shown in FB knee implants, with an earlier simulator study highlighting 

that a reduction in AP motion by almost half caused a significantly lowered wear rate from 16.0 

± 4.0 mm3/Mc to 9.8 ± 3.7 mm3/Mc (McEwen et al., 2005). This was a result of reducing the 

sliding distance and surface area of UHMWPE being worn during continued articulation. It was 

also proposed that the strain hardening effect was responsible for the reduction in wear of the 

TKR, with motion occurring in the direction of the UHMWPE chains (unidirectional) and thus 

improving wear resistance (McEwen et al., 2005). This was a result of the decoupling of motion 

at each surface in a rotating platform knee, so that FE and AP displacement occurred on the top 

surface and rotation at the backside interface (McEwen et al., 2005). The difference in findings 

between the wear studies on TKR and TAR may be related to the mobile nature of the ankle 

devices. Under simulator conditions, rotating platform knee implants are able to split into two 

uni-directional wear surfaces, whereas the MB ankle does not do this, so it isn’t able to address 

the cross-shear effect in the same way. The MB design also allows for increased sliding distance 

and subsequent sliding velocity, which has directly been associated with improving the lubrication 

and reducing the wear effect at the bearing surface interfaces. This could explain the comparable 

wear rates found between the simulator types and simulator input study conditions.  

The AP displacement output profiles suggested that both simulator options were unable to 

reproduce AP displacement. This was likely due to the simulators being unable to shift between 

the relatively small peak values in such a short period of time, while also trying to follow the other 

kinematic profiles. In addition, the motor which drives the motion of KSpn was unable to rapidly 

respond to the variation in motion profiles compared to the KSem, resulting in a lag phase when 

following the AP displacement profile. This was also a feature in KSpn, when attempting to 

follow the AL and tibial IER UoL input profiles. This associated lag phase was not found in 

KSem, with peak tibial external rotation and anterior displacement occurring around peak AL 

during early stance phase. The out of phase loading and kinematic following may have resulted 

in different contact mechanics between simulator types due to the different position of the 

bearing, which is known to influence wear rates. However, the small lag in following input 

profiles was not substantial enough to cause a significant difference in implant wear rates between 

simulator types.   
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The effect of inter-station variability did not appear to last when the inserts moved into steady-

state wear and were more consistent in KSem than KSpn. Moving the implants between stations 

of the simulators has previously been shown to reduce the impact of inter-station variability on 

wear results in a TKR (Abdelgaied et al., 2017). That being said, ISO 22622:2019 does not 

mention whether to move implants between stations periodically nor whether to move them 

throughout the duration of the wear simulation. The results from this study suggest that future 

studies should move components between stations to compensate for inter-station variability, as 

this could have a significant effect on calculated volumetric wear and overall conclusions. 

Previously worn components were used in the simulator input comparison study. Although this 

is not unusual practice (McEwen et al., 2005; Smyth et al., 2017), this meant that the finding 

demonstrating non-significance, may not have been strictly independent of the changes in loading 

and motion profiles. It is possible there may have been differences in the machined tolerances 

and roughness measurements that were not identified in the topographic assessment of the 

bearing surfaces (Section 4.5.3). It was also difficult to isolate in this study, where the apparent 

differences in wear rates between inserts stemmed from. In this study, this was particularly 

problematic during the run-in phase in both simulator types, as the topographic assessment was 

performed at the end of both simulator parameter studies. However, the differences between 

insert wear rates was likely a combination of the individual stations’ ability to produce the required 

input profiles, coupled with machining and potential misaligned insert set-up. Further limitations 

associated with the running of a mechanical simulation can be found in Chapter 6 (Section 6.2). 

With the above considerations in mind, future studies using unworn implants which follow the 

recommended experimental conditions and input profiles, are required to truly determine the 

effect of ISO 22622:2019 on the wear behaviour of a MB the device. 

4.5.3 Surface Analysis and Damage Modes 

Surface contact measurements were taken to determine if there were differences in roughness 

and associated topographic parameters, before and after wear simulation. This process can help 

to determine the regions of the bearing surfaces which underwent the greatest change in physical 

properties, affecting the film thickness to roughness ratio and the lubrication regime (Sagbas, 

2016). The topographic changes of the medium sized implants followed comparable trends 

between simulator types, despite the additional 2 Mc that each of the samples underwent in KSpn 

(Chapter 3). There were also no significant differences in the pre-simulation values, with each 

sample being within the maximum roughness tolerance (2μm) specified for the insert surfaces. 

This finding meant that the post-simulation results were not affected by differences of the 

unworn surfaces. However, statistical analysis was not performed, as the final surface contact 

measurements were not taken at the same simulation time point. The surface topographic 

changes of the implants were also measured at the end of the ISO 22622:2019 input profile 
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condition, with no apparent differences in roughness parameters within the same worn implants. 

This was one of the reasons for the comparable wear rates between simulator inputs.  

Independent of simulator type and input conditions, the metallic components underwent 

significant increases in Ra, while the conventional UHMWPE inserts produced significantly 

reduced Ra, particularly at the superior insert surfaces. This was expected, as asperities were 

found throughout the pre-worn bearing surfaces, due to the machining of conventional 

UHMWPE, which likely caused the increased Ra at the pre-test contact measurement. During 

the run-in wear phase, the soft and rough polyethylene inserts resulted in high asperity contact, 

which potentially increased micro-adhesion and burnishing wear at the bearing surface. The latter 

was visually confirmed on each of the superior insert surfaces from both simulator types, through 

the appearance of a polished bearing surface. Even with the addition of ISO 22622:2019 input 

profiles, the findings remained similar. The removal of the machined lines (burnishing), due to 

the continued articulation was associated with the reduced wear rate seen during steady-state wear 

(Section 4.5.1).  

The continued articulation during each simulator parameter condition triggered a reduction in 

asperity contacts between the metallic and conventional UHWMPE bearing surface, evidenced 

by the reduced Rp, negative Rsk and increased Rku mean parameter values post-simulation. 

However, as surface topographic changes were only recorded at the end of each simulator 

condition (3 Mc for the simulator type and 5 Mc for the simulator input), the time of when this 

change in tribological performance occurred was unknown. The topographic changes suggested 

that the implants, independent of simulator condition, were likely experiencing a boundary 

lubricating regime, which has previously been agreed as the predominant mechanism in hard-on-

soft bearing joints (Sagbas, 2016). This was also supported by the fact that the lubricant regime 

was associated with abrasive wear on the softer polyethylene surface, with this wear mechanism 

being detected on all of the tested inserts.  

Despite the differences in the loading and kinematic following (Section 4.5.2), both simulator 

types produced comparable wear damage modes on each of the articulating surfaces of the MB 

device. There was strong evidence of adhesive wear, burnishing and multidirectional scratching, 

particularly on the superior insert surface (Section 4.4.4). Following the additional 2 Mc of ISO 

22622:2019 input profiles, the same damage modes remained the obvious wear mechanisms. 

These findings are consistent with the implant parameter studies (Chapter 3) and the previous 

work conducted by Smyth et al. (2017), who developed the UoL input profiles used in the 

simulator type study.  

The damage modes of abrasive wear and multidirectional scratching from both simulator 

parameter studies are also evident on the explanted devices from the UoL retrieval bank. In both 

in vitro tested and explant samples, the machined lines have been worn away, indicating strong 
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evidence of burnishing. This shows that both simulator types and inputs were able to produce 

certain damage modes that are seen in vivo. However, certain clinical damage modes such as third-

body abrasive wear and delamination were not present in the in vitro tested inserts. This means 

that although the simulator studies, independent of type or input, were able to produce some 

damage modes seen on retrieved devices, it does not replicate all the clinical damage modes 

present. The presence of third-body debris (metallic, bone or cement), which likely causes 

increased wear compared to abrasive wear found on the in vitro inserts and may have resulted in 

the early failure of some of the retrieved samples. A more detailed comparison of the simulated 

devices in the current thesis to previously simulated and retrieved MB implants, can be found in 

Section 3.5.4.  

4.4 Conclusion 

This study has established that under the same experimental conditions, there tended to be no 

differences in mean wear rates between simulator type (pneumatic and electromechanical) and 

simulator inputs (UoL and ISO 22622:2019). However, the output loading and kinematic profiles 

followed the desired input profiles more closely on KSem compared to KSpn, and were within 

maximum output tolerances for peak UoL input values, with the exception of peak anterior 

displacement. KSem also produced greater peak plantarflexion when compared to the maximum 

output tolerance of the ISO 22622:2019 recommended profile. Nevertheless, the variation in 

loading and kinematic input following between simulators and input profiles was not sufficient 

to significantly change the tribological conditions of the MB TAR. The wear results from the 

current studies were comparable to the previously published literature on MB devices (3.4 ± 10.0 

to 25.8 ± 3.1 mm3/Mc) (Bell et al., 2007; Affatato et al., 2007; Postak et al., 2008; Reinders et al., 

2015b; Smyth et al., 2017), independent of simulator design and input profiles. This was also the 

case for topographic changes at each of the bearing surfaces. The similarities in damage modes 

to previously simulated and retrieval MB devices, offered assurance that both simulator 

parameters provided reliable TAR wear simulation.  

Despite the non-significant difference in wear rate between simulator types, this study 

recommends the use of KSem, due to the improved accuracy and precision of the output loads 

and kinematics when compared to the desired input profiles. KSem also has the ability to control 

abduction/adduction to mimic implant inversion/eversion, which is an important implication 

for future pre-clinical simulation. Future TAR studies should also utilise the recommended ISO 

22622:2019 input profiles, as the current variance in kinematic inputs in the TAR wear literature 

make it difficult to directly compare wear behaviour. This would allow for a better interpretation 

of which TAR devices are producing improved wear results, compared to competitor devices on 

the market.   
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CHAPTER 5 

BIOMECHANICAL PERFORMANCE OF ANKLE 

ARTHRODESIS AND TOTAL ANKLE REPLACEMENTS 

DURING OVERGROUND WALKING  

 
5.1 Introduction 

An increasing body of clinical evidence has demonstrated that patients suffering from end-stage 

ankle OA have considerable functional impairments of the AJC and lower limb, characterised by 

a reduced step length, walking speed and mobility, when compared to healthy controls (Queen, 

2017a; Deleu et al., 2020a). As noted previously, AA is widely recognised as the gold standard 

treatment option for end-stage ankle OA and there is a plethora of studies that have 

demonstrated this surgical intervention is effective in alleviating post-operative pain and 

recovering patient QoL (Pinsker et al., 2016; Kim et al., 2017; Gaedke et al., 2018). However, 

concerns over non-union, abnormal force distribution, and gait adaptions that may increase the 

risk of subsequent adjacent joint degeneration (Wu et al., 2000; Coester et al., 2001; Beyaert et 

al., 2004; Thomas et al., 2006), has encouraged the use of motion conserving procedures such as 

TAR (Ling et al., 2015; Sokolowski et al., 2019). Although first generation designs were discarded 

because of the high revision rates (Bonasia et al., 2010), newer versions have resulted in 

comparable pain relief to AA, and in some studies, a superior improvement in PROMs and the 

preservation of ankle ROM (Haddad et al., 2007; Saltzman et al., 2009; Robati et al., 2016; Lawton 

et al., 2017; Benich et al., 2017).  

As TAR becomes a more widely accepted intervention among surgeons treating end-stage ankle 

OA, understanding the differences in gait mechanics between AA and TAR is a necessity for 

improving long-term patient outcomes. In the last decade, there have been a number of gait 

studies which have compared both surgical options (Piriou et al., 2008; Hahn et al., 2012; Singer 

et al., 2013; Flavin et al., 2013; Segal et al., 2018; Stone et al., 2021). Faster walking speed, 

increased sagittal plane motion and improved ankle power, were the most reported gait changes 

postoperatively in TAR patients, when compared with AA patients. A combined systematic 

review and meta-analysis of seventeen gait studies assessing the AJC function following both 

surgical interventions, determined moderate evidence of improved walking speed (i.e. mean 0.19 

m/s increase in walking speed), sagittal plane ankle kinematics (i.e. mean 3° increase dorsi-

/plantarflexion ROM) and kinetic patterns, compared to their pre-operative arthritic condition 

when using TAR (Deleu et al., 2020a).  

The increased sagittal ROM could be attributed to supplementary hypermobility of the distally 

located foot joints (Deleu et al., 2020a). It is believed that the reduced pain associated with both 

treatment options post-surgery, may also be due to increased mobility and loading occurring at 

the adjacent joints of the foot, as a result of the gait adaptions discussed (Deleu et al., 2020a). 
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However, each of the studies included in the meta-analysis treated the foot as a single, rigid 

segment, which neglects the influence of the adjacent joints and can lead to significant 

inaccuracies in ankle joint ROM (Pothrat et al., 2015; Lullini et al., 2020; Deleu et al., 2021b; Fritz 

et al., 2021). Furthermore, SFM in the TAR patient population have been proven to overestimate 

post-operative ankle ROM in all three planes of motion, when compared to a MFM (Deleu et al., 

2021b).  

A recent study using 3D MFM determined compensatory mechanisms at the joints, distal to the 

AJC, in PTOA patients compared to healthy reference data during overground walking (Deleu 

et al., 2021b). The hindfoot of PTOA patients was found to be in a more inverted position, which 

was associated with a more adducted position of the Calcaneus-Midfoot joint. This could be 

explained by the co-contraction phenomena between the gastrocnemius and tibialis anterior 

muscles. These muscles act to cause the feet to adduct and invert, providing stability at the AJC 

from heelstrike to midstance phases of the gait cycle (Deleu et al., 2021b). Other studies have 

also begun to use MFM in AA (Brodsky et al., 2016; Eerdekens et al., 2020a) and TAR (Lullini et 

al., 2020; DiLiberto et al., 2021; Fritz et al., 2021; Deleu et al., 2022) patient cohorts. Pain and 

function were reported to improve following both treatment options, as evidenced by better 

PROMs, improved spatiotemporal parameters and increased sagittal ROM at the AJC and 

surrounding joints, compared to pre-operative values. While MFM kinetics and kinematics were 

improved at the varying follow-up periods, they were not restored to that of healthy controls.  

Only two studies have utilised MFM to directly compare both surgical interventions, with each 

reporting increased intersegmental (hindfoot and forefoot) sagittal ROM (especially during 

dorsiflexion) and plantarflexion power in TAR patient cohorts, when compared to AA (Seo et 

al., 2017; Sanders et al., 2021). The recovery of sagittal ROM compared to pre-operative values 

is usually attributed to improved dorsiflexion at the hindfoot (Seo et al., 2017), while increased 

plantarflexion power is associated with an improved ability of a patient to propel their feet 

forward during locomotion (Ingrosso et al., 2009). This is also related to greater strength of the 

gastrocnemius muscles (Neptune et al., 2001). Additionally, the study by Seo et al. (2017) showed 

that the AA patient cohort exhibited increased peak plantarflexion motion at the forefoot with 

this compensatory motion potentially resulting in further adjacent joint OA and the need for 

further surgical interventions.  

From a biomechanical perspective, these gait differences indicate that TAR should be a more 

effective treatment option for end-stage ankle OA (Seo et al., 2017; Sanders et al., 2021). 

However, both the MFM gait comparison studies were limited by short post-surgery follow-up 

periods of one and three-years, respectively (Seo et al., 2017; Sanders et al., 2021). Other studies 

using MFM to measure gait outcomes of AA (Eerdekens et al., 2020a) and TAR (Deleu et al., 

2022) patient populations to pre-operative measurements, were also limited by short-term follow-

up periods of just one-year. Despite the associated kinetic and kinematic improvements at the 
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AJC and intrinsic foot joints, it would be clinically beneficial to determine whether these 

improvements are maintained at longer-term follow-ups. This is important to determine whether 

patient cohorts return to even more active lifestyles, resulting in more extensive use of the ankle 

and surrounding foot joints. A recent intermediate follow-up study using a SFM to measure TAR 

gait mechanics found that the gait outcomes of interest at 7.6 years were consistent with the initial 

short-term findings (Brodsky et al., 2021). However, this study failed to determine the influence 

of adjacent foot joints, which over a longer period of time, may display hypermobility and possess 

increased loads to compensate for the surgically treated ankle joint (Deleu et al., 2021b).  

While these MFM studies have shown significant clinical differences in AA and TAR patient 

populations, only a small volume of gait based studies have reported the effect on both kinetic 

and kinematic adaptations at the proximal joints of the lower limb (Brodsky et al., 2011; Hahn et 

al., 2012; Choi et al., 2013; Tenenbaum et al., 2017; Segal et al., 2018). The earlier studies which 

considered hip and knee gait mechanics, demonstrated that TAR patients possessed increased 

sagittal ROM in both joints, whilst AA patients exhibited comparable knee ROM to pre-operative 

values but improved hip ROM (Brodsky et al., 2011; Hahn et al., 2012; Choi et al., 2013; 

Tenenbaum et al., 2017; Segal et al., 2018). These findings suggest that arthritic patients 

compensate more at the hip than at the knee joint during overground walking, when sagittal plane 

ankle ROM is limited following surgery (Segal et al., 2018). Combining the use of MFM and lower 

limb models, allows for an improved understanding of the functional compensatory mechanisms 

of the adjacent foot and proximal joints in patients treated with AA and TAR. Understanding the 

combined effect of gait mechanics on the patient’s ability to walk, will also aid a surgeon’s choice 

in selecting the appropriate treatment option, which will maintain improved biomechanical 

performance over a longer-lasting period for a patient suffering with end-stage ankle OA.   

The aim of this exploratory study was to compare the post-operative kinetic and kinematics of 

the AJC, alongside other lower limb joints during gait, in patients treated with a TAR or AA at 

an intermediate follow-up period. The study used a MFM to determine the kinematic adaptations 

at the intrinsic foot inter-segment angles distal to the affected ankle joint between surgical 

interventions. The study will be used to determine possible clinically meaningful differences in 

gait mechanics and reported outcomes between the treatment options, with the key findings from 

this study being used to drive a much larger, powered gait study at a longer-term follow-up. This 

would then allow surgeons to truly determine which procedure is clinically superior.  

Chapters 3 and 4 established comparable pre-clinical wear behaviour of the MB device in 

question to other devices on the market, but this does not always correspond to in vivo clinical 

function. Therefore, the gait study in this chapter allowed for the clinical performance of the 

third-generation MB implant to be determined and compared to AA and other TAR designs.  
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5.2  Methods 

This method describes the collection of biomechanical data for nine AA, six ‘mixed’ TAR, and 

six BOX® ankle patients. A motion capture research laboratory at Chapel Allerton Hospital 

(CAH; Leeds, UK), was used to collect gait data from the ‘mixed’ TAR and AA patient cohorts. 

Due to patient availability and location, it was not feasible for the surgical cases to travel to the 

same research site. Therefore, a second motion capture laboratory (Nottingham Trent University 

(NTU); Nottingham, UK), was used to collect data from the BOX® ankle patient cohort.  

5.2.1 Ethics for Data Collection 

The study protocol was approved by the National Health Service (NHS) Research Ethics 

Committee (REC reference: 19/ES/0070) (Appendix F3) and the NHS Health Research 

Authority (HRA) (Appendix F4). Local ethical approval was also obtained from the Faculty of 

Mechanical Engineering Ethics Committee, University of Leeds (ethical review number: MEEC 

17-037) (Appendix F1) and the College of Science and Technology Ethics Committee, NTU 

(ethical review number: 640) (Appendix F2).  

5.2.2  Pilot Study 

A pilot study was conducted to determine the repeatability of 3D gait data obtained at both CAH 

and NTU motion capture laboratories. Eleven healthy participants (8 males/3 female) were 

assessed at both research sites within a three-month period. The participants mean age (p = 

0.564), height (p = 0.655) weight (p = 0.838) and BMI (p = 0.929) were not significantly different 

between the two research sites. For each test session, the same spatiotemporal, kinetic and 

kinematics parameters measured in the current Chapter were collected during 5 successful 

overground level walking trials. A single evaluator, which was the same individual in the current 

study, placed the identical MFM and lower limb marker model (Section 5.2.5) on the participants 

at both research sites. Biomechanical data was collected at self-selected walking speed and the 

variability in the gait data was determined by comparing the mean (± 95% CL) peak and ROM 

parameters. A non-parametric Wilcoxon signed-rank test was used to measure statistical 

significant differences in spatiotemporal and gait parameters, with a significance accepted at the 

(p ≤ 0.05) level. All statistical analyses was conducted using SPSS version 26.0 (SPSS Inc, Chicago, 

USA). 

The mean (± 95% CL) kinetic and kinematic waveforms, alongside the tables presenting the gait 

data at both research sites can be found in Appendix G. The greatest variability in kinematic data 

was found in the transverse plane of motion at the proximal hip and knee joints. However, there 

was no statistically significant differences in the peak IER angles and ROM. There was also no 

significant differences (p ≤ 0.05) for any of the measured spatiotemporal, kinematic and kinetic 

data between the two research sites. The pilot study demonstrated that it was possible to collect 

comparable gait data across two motion capture laboratories. This was likely the case due to the 
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use of the same examiner, identical anatomical segment definitions for biomechanical models 

and the fact that experimental conditions were standardised across research sites. Thus, the data 

collected from the same research sites in the post-operative exploratory gait study could be 

compared directly. The pilot study was also used to establish the study protocol for the post-

operative gait comparative study discussed in this chapter.  

5.2.3  Gait Laboratory Set-up 

5.2.3.1 Motion Capture Equipment 

Although the precise optoelectronic motion capture system and number of cameras used differed 

at both research sites, the number and model of force platforms were used from the same 

manufacturer (Advanced Mechanical Technology Incorporated; AMTI, Watertown, MA). The 

infrared cameras were used to measure the reflection of the markers, in order to determine their 

3D position within the global coordinate system. The force platforms were synchronised to the 

motion capture system and measured ground reaction force (GRF) during the overground 

walking trials. The force platforms measured the GRF in three directional components: Fx 

(mediolateral); Fy (anteroposterior); and Fz (vertical).  

Chapel Allerton Hospital  

A ten camera infrared passive marker motion capturing system (Vicon Motion Systems, Oxford, 

UK), operating at a frequency of 100 Hz, was positioned around the movement space to capture 

kinematic data. The ten cameras were positioned precisely, allowing markers to be located 

throughout each trial by at least three cameras within the calibrated movement volume of 5m3. 

This reduced the need for post processing interpolation (Section 5.2.7). Two force platforms 

(AMTI BP400600, Watertown, MA, USA; dimensions: 400 by 600 mm), sampling at a frequency 

of 1000 Hz, were arranged in succession to allow simultaneous collection of concurrent operated 

and non-operated gait events. The force platforms were embedded within the ground and in the 

centre of an 8 m walkway.  

Nottingham Trent University  

A thirteen camera Qualisys Oqus 3D motion capture system (QualisysTM Medical AB, Goteborg, 

Sweden), sampling at 100Hz, was aligned to allow for the calibration of the movement volume 

(5m3) (Figure 69). Nine of the thirteen cameras were mounted to a 5m high rail surrounding the 

gait laboratory (4x700+ Oqus and 7x400 Oqus), with an additional four Oqus 700+ cameras on 

portable mounts, positioned around the embedded force platforms. Similar to the set-up at CAH, 

the force platforms were arranged in succession and positioned flush with the ground, in the 

middle of an 8 m walkway (Figure 69). GRF data was recorded through the use of two force 

platforms (AMTI BP400600, Watertown, MA, USA; dimensions: 400 by 600 mm), sampling 

synchronous data at a frequency of 500 Hz. Despite the differences in sampling frequency of the 

same force plate model between the two sites, the pilot study showed that this did not have an 
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effect of calculated GRF or moment data (Appendix G). For instance, the pilot study 

demonstrated no statistically significant differences in GRF at the measured first (p = 0.197) and 

second (p = 0.357) peaks.  

 

 

5.2.3.2 Calibration of the 3D Volume 

Chapel Allerton Hospital  

Prior to data collection, the 3D movement capture area was calibrated using a Vicon Active 

Calibration Wand (Vicon MX, Oxford Metrics, UK) (Figure 70). The frame of the active wand 

constituted of a long and short arm perpendicular to one another, with five pairs of LEDs 

embedded in the frame (Figure 70). The active wand was placed at the corner of one of the force 

platforms to establish the global origin. The active wand was then moved through the 3D capture 

area, until a minimum of one thousand dynamic frames of the wand were captured for each of 

the ten cameras. The calibration was deemed suitable if the image error for each of cameras was 

below 0.12 mm. The force platforms were also calibrated (zeroed) before each trial to eradicate 

any residual force readings that may remain from the previous walking trial.  

Nottingham Trent University  

A different calibration technique was performed at the NTU gait laboratory through the use of 

an L-shaped reference frame and a T-shaped calibration wand marker (QualisysTM Medical AB, 

Goteborg, Sweden) (Figure 71). The reference frame consisted of a long and short arm 

perpendicular to one another, with four spherical retroreflective markers secured to the frame: 

one at the corner (origin), one on the short arm (200 mm from the origin), and two along the 

long arm (550 mm and 770 mm from the origin) (Figure 71). The L-shaped frame was placed at 

Figure 69. The superior view of the Qualisys Oqus 3D motion capture system (blue area) and the 
smaller calibrated movement volume (pink area); and the Qualisys Oqus cameras (right) at the 
NTU gait laboratory. The force platforms (violet rectangles) are positioned in the middle of the 
movement volume to capture GRF data. 
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the corner of the embedded force platforms and used in conjunction with the carbon fibre T-

wand, to calibrate the movement volume.  

 

The calibration wand possessed two mounted markers (751.2 mm apart) and was moved 

throughout the 3D measurement volume for a duration of 60 seconds. The system was calibrated 

by analysing the exact position of the markers within the capture volume. The calibration was 

considered acceptable if the average residual for each camera was below 2 mm and the standard 

deviation of the reconstructed wand length error was also below 2 mm. Similar to the Vicon 

System at CAH, the force platforms were zeroed before each trial to prevent the inclusion of 

forces that may remain from the previous walking trial.   

 

5.2.3  Participant Information 

Twenty-one participants were divided into three groups: nine AA patients, six ‘mixed’ TAR 

patients and six BOX® ankle patients. The mixed TAR cohort included four participants with a 

Rebalance® (Zimmer-Biomet, Indiana, USA) prosthesis, one participant with a Mobility® 

(DePuy, Leeds, UK) prosthesis and one participant with an INFINITY® (Wright Medical 

Figure 70. The Vicon Active Wand (Vicon MX, Oxford Metrics, UK) required for the calibration 
process at CAH. 

Figure 71. The L-shaped reference structure and T-shaped wand (QualisysTM Medical AB, 
Goteborg, Sweden) required for the calibration process at NTU. 
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Technology, Memphis, TN) prosthesis. All AA and mixed TAR surgeries were performed at a 

single institution (CAH), while the BOX® ankle surgeries took place at the Nottingham City 

Hospital. Basic demographic characteristics of the three patient cohorts are shown in Table 14. 

There were no statistically significant differences between the three patient cohorts for age (p = 

0.298), years since surgery (p = 0.115), height (p = 0.624), weight (p = 0.162), and BMI (p = 0.081) 

(Table 14).  

Table 14. Participant demographics for the three treatment option cohorts. 

 

 

 

 

Strict inclusion and exclusion criteria were applied to ensure that the gait differences could be 

attributed to the surgical intervention alone. Inclusion criteria ensured that the patients had 

undergone primary AA or TAR on one ankle; been diagnosed with PTOA or isolated primary 

OA; an implantation time between 1-10 years post-surgery; were over the age of eighteen; and 

were healthy and were free from injury or surgery of the foot and lower body for the past six 

months, before taking part in the study. Exclusion criteria for the study included: (1) the presence 

of inflammatory joint conditions (i.e. rheumatoid arthritis); (2) history of infection in the operated 

joint; (3) patients suffering from skeletal immaturity; (4) patients suffering from osteoporosis/any 

loss of musculature or neuromuscular disease that compromises the operated joint; (5) those who 

have had AA or TAR surgery on both ankles; (6) those currently pregnant; (7) patients suffering 

from open ulcerations/significant wound infection; (8) those unable to walk unaided (e.g. without 

the use of walking stick or frame); and (9) patients who suffer from dizzy spells or fainting 

episodes.  

5.2.4  Patient Reported Outcomes 

Before data collection, each patient completed the Manchester-Oxford Foot Questionnaire 

(MOxFQ) (Isis Innovation Ltd, Oxford, UK). The MOxFQ is a sixteen item PROMs, which is 

validated for use in patients, who have received foot and/or ankle corrective surgery (Morley et 

al., 2013). Responses to each of the sixteen questions consisted of a 5-point Likert scale ranging 

from no limitation (scoring 0) to maximum limitation (scoring 4) (Muller et al., 2020). Each item 

was grouped into one of three domains: walking/standing (seven items); pain (five items); and 

social interaction (four items). The overall domain scores were then calculated by adding the 

patient responses to each item within each domain and translating to a 0-100 metric, where higher 

scores signified greater severity (Dawson et al., 2012).  

 

 AA Mixed TAR BOX® 

Age (years) 62.67 ± 15.17 73.33 ± 6.62 71.50 ± 6.66 
Sex 7M/2F 5M/1F 3M/3F 
Affected Side (R/L) 4R/5L 4R/2L 1R/5L 
Years Since Surgery 4.44 ± 2.60 6.83 ± 2.79 5.50 ± 0.55 
Height (m) 1.71 ± 0.12 1.71 ± 0.12 1.66 ± 0.11 
Weight (kg) 101.43 ± 20.60 82.68± 12.46 79.60 ± 11.22 
BMI (kg/m2) 34.67 ± 6.71 28.33 ± 2.47 28.98 ± 3.57 
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5.2.5 Participant Preparation 

Participant’s height was measured using a stadiometer and weight was determined when the 

participant stood on one of the force platforms during a static trial. Participants wore skin tight 

shorts and top, in order to reduce marker movement and allow for more accurate marker 

positioning. Reflective areas on the participants clothing were covered to prevent the appearance 

of phantom markers, which could be mistaken for an anatomical marker within the market set 

and cause errors during data processing. All overground walking trials were completed barefoot, 

which was due to the number of markers on the foot and the fact that MFM is not yet considered 

accurate in shod conditions (Stone et al., 2021).  

A single evaluator (the author of this thesis) with five years of experience in motion capture, 

attached thirty-six super-spherical retro-reflective passive markers (QualisysTM Medical AB, 

Goteborg, Sweden), to anatomical landmarks of interest on the feet and lower limbs using 

double-sided hypoallergenic tape (Figure 72). Three different sized marker sizes were used: (1) 

14.0 mm ø for the pelvis, hip, knee and malleoli; (2) 9.5 mm ø for the non-operated foot; and (3) 

8.0 mm ø for the operated foot. The anatomical landmarks were identified through palpation in 

accordance with the Colour Atlas of Skeletal Landmark Definitions (van Sint Jan, 2007). 

 

Retroreflective markers were placed following the Calibrated Anatomical System Technique 

(CAST) protocol marker set, which is considered to be the gold standard protocol for 3D 

kinematic analysis (Cappozzo et al., 1995). Other researchers have used the “Newington” model 

(Davis et al., 1991), on which Vicon’s Plug-in Gait model is based. However, this method relies 

on the accurate placement of markers on the thigh and shank, which are crucial in determining 
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Figure 72. Anatomical locations of the 36 marker model set in the anterior (left) and posterior 
(right) view 
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the alignment of the knee axis. The “Newington” model outputs are also highly sensitive to 

marker placement error (Groen et al., 2012).  

The CAST model used in this study had clusters of non-colinear tracking markers (four-marker 

semi-rigid thermoplastic shells) attached to the sacrum, lateral thighs and lateral shanks (Figure 

73), which measured segment kinematics in six DoF (Benedetti et al., 1998). The fixed clusters 

strapped to the lower limb segments also reduced the source of error associated with soft tissue 

artefacts (STA) (Cappozzo et al., 1997). Both biomechanical models produce equivalent sagittal 

plane joint angles and kinetics particularly at the ankle, whereas the CAST model displayed 

significantly lower frontal plane mean error when compared to Plug-in Gait (Ferrari et al., 2008).  

 

The non-operated foot was modelled as a single-segment, whilst the operated foot was analysed 

using the “Istituti Ortopedici Rizzoli” (IOR) MFM (Figure 74). This foot model was selected due 

to its well-documented repeatability in the assessment of MFM biomechanics, with a mean inter-

trial coefficient of multiple correction of >0.820 (Deschamps et al., 2012a; Deschamps et al., 

2012b). The IOR foot model provided 3D kinematic data for intrinsic foot inter-segment angles 

of the hindfoot, midfoot and forefoot (Leardini et al., 2007; Portinaro et al., 2014). This foot 

model has also recently been used to determine gait differences in AA (Eerdekens et al., 2020a) 

and TAR (Lullini et al., 2020) patients. Table 15 displays the full list of anatomical and tracking 

markers used in the study. A regression model based on the position of pelvic markers was used 

to determine the hip joint centre (Bell et al., 1989; Bell et al., 1990). Retroreflective markers were 

placed on the left and right anterior superior iliac spine, and on the right and left posterior 

superior iliac spine. The knee joint centres were identified by the midpoints between the medial 

and lateral femoral epicondyles markers, while the ankle joint centres were determined through 

calculating the midpoints between the medial and lateral malleoli (Cappello et al., 1997).  

Figure 73. Four-marker semi-rigid thermoplastic shell used as tracking markers for the thigh (left) 
and thigh (right) during kinematic data collection.   
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Table 15. Location of the skin-mounted and tracking markers. 

Abbreviation Anatomical Landmarks 

ASIS Anterior superior iliac spine 

PSIS Posterior superior Iliac Spine 

PEL_U Upper aspect of the sacrum pelvic cluster  

PEL_L Lower aspect of the sacrum pelvic cluster 

ILC Iliac crest 

GTR Most lateral aspect of the femoral head (greater trochanter) 

TH1-4 Lateral aspect of the of the thigh (thigh clusters) 

LKNEE Most lateral prominence of the lateral femoral epicondyle 

MKNEE Most medial prominence of the medial femoral epicondyle 

SK1-4 Lateral aspect of the shank (shank clusters) 

LMAL Lateral prominence of the lateral malleolus 

MMAL Most medial prominence of the medial malleolus 

CA 
Upper central ridge of the calcaneus posterior surface i.e. Achilles’ tendon 
attachment 

HL Distal attachment of the Achilles' tendon. 

ST Most medial apex of the sustentaculum tali 

PT Lateral apex of peroneal tubercle 

TM1 Extra hindfoot tracking marker 

 TM2 Extra hindfoot tracking marker  

TN Most medial apex of the tuberosity of the navicular 

FMB 
Base of the first metatarsal, dorso-medial aspect of the first metatarso-cuneiform 
joint 

FMH 
Head of the first metatarsal, dorso-medial aspect of the first metatarso-cuneiform 
joint 

SMB 
Base of the second metatarsal, dorso-medial aspect of the second metatarso-
phalangeal joint 

SMH 
Head of the second metatarsal, dorso-medial aspect of the second metatarso-
phalangeal joint 

VMB Base of the fifth metatarsal, dorso-lateral aspect of the fifth metatarso-cuboid joint 

VMH 
Head of the fifth metatarsal, dorso-lateral aspect of the fifth metatarso-phalangeal 
joint 

PM Most distal and dorsal point of the head of the proximal distal phalanx of the hallux 
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Figure 74. The IOR multi-segment foot model used to measure the kinematic data for the 
hindfoot, midfoot and forefoot segments.  
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5.2.6  Data Collection 

Before walking trials commenced, a static trial was completed to determine the position of the 

anatomical and tracking marker clusters, with respect to the foot and lower limb joint locations. 

Participants stepped onto the force platform, then stood still with their feet hip width apart whilst 

adopting the anatomical position, for approximately five seconds (Figure 75). Once recorded, the 

visibility of the markers were checked and the participant then performed the walking trials as 

instructed. If markers moved significantly, dropped off or were not picked up by the infrared 

cameras, a new static trial was mandated to guarantee the original marker positions were 

determined.  

 

Each participant had a familiarisation period prior to completing five successful overground 

walking trials at a comfortable self-selected pace. A successful trial was defined as the point at 

which markers were in view of the cameras and the operated foot landed fully within the 

boundary of the force platforms, without under- or over-striding (Figure 76). The participants 

were also asked to look forward during each trial to prevent ‘targeting’ the force platforms, which 

may cause the participant to adjust their stride patterns in an attempt to maintain full foot contact 

(Queen et al., 2006).  

The walkway was the same length (8 m) at both research sites, allowing a minimum of four steps 

before the participant stepped onto the force platforms, to accommodate natural walking speed. 

Black duct tape was placed directly on the floor to indicate the participants starting position. It 

would have been unnatural for a study of this nature to account for walking speed, as this would 

in turn, influence lower limb joint kinetics and kinematics between the different patient cohorts. 

Walking speed and other spatiotemporal changes post-surgery are also crucial indicators of 

patient function post-surgery. Therefore, controlling walking speed may have masked the effect 

of this parameter on kinetic and kinematic behaviour. Moreover, increased walking speed on joint 

Figure 75. Static trial (left) and the label list for the 36 reflective markers (right) within Qualisys 
software. 
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kinetics has been found to have a significant effect when the walking speed exceeds 6 km/h 

(Eerdekens et al., 2019). However, this speed was not attained by any of the patient cohorts in 

the current study. 

 

5.2.7 Data Processing 

Chapel Allerton Hospital  

The successful trials were analysed within Vicon Nexus 2.9.2 software (Vicon Motion Systems, 

Oxford, UK). Each trial included one full gait cycle where the operated foot was in full contact 

with the force platform. All markers were manually labelled for each static trial, while the dynamic 

trials were labelled through an auto-labelling function within Vicon Nexus software which 

recognised the marker location from the static trial. The trajectories from all the markers were 

manually checked to ensure continuous identification of the retroreflective markers. If 

incomplete marker trajectories were present (e.g. deletion of frames, blocking or dropping out of 

markers), a spline fill function was applied which predicted the missing values between marker 

gaps. Walking trials with gaps missing for more than ten consecutive frames were not filled, with 

the incomplete trials being discarded.  

Nottingham Trent University 

A similar processing technique was used within Qualisys Track Manager 2019.3 software 

(QualisysTM Medical AB, Goteborg, Sweden) for labelling a static trial. An automated 

identification of markers (AIM) model was created and applied to all further successful trials for 

each participant. Once each trial was checked, they were added to the AIM model, which 

improved the reconstruction accuracy for use in later trials, as well as condensing the time taken 

for manual marker identification. The Qualisys software applied a polynomial interpolation to 

Figure 76. An example of a participant completing a successful trial within the movement area.  
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calculate the line of best fit of the missing marker trajectories for gaps below ten frames. Gap 

filling was performed on the successful trials, but not on the calibrating or static trials. 

5.2.8 Data Analysis 

Labelled marker coordinates and kinetic data from the successful trials from both motion capture 

systems were exported to .C3D files and imported to Visual 3D (C-Motion, Germantown, USA) 

for further analysis. A 3D biomechanical model of the foot and lower limb body segments was 

created using the six DOF model (C-Motion, Germantown, USA). The linked segments were 

then used to calculate the kinetics and kinematics of the hip (pelvis and thigh), knee (thigh and 

shank), and ankle (shank and foot) (Figure 77).  

Ankle joint kinematics for the non-operated foot were derived using a rigid SFM, with the 

proximal end of the segment being defined as the medial and lateral malleoli and the distal end 

as the first and fifth metatarsal head markers (Table 15). Markers at the base of the second 

metatarsal, the Achilles tendon attachment and two at the lateral aspect of the hindfoot, were 

used to track the single-segment during the walking trials. A limitation of the SFM was that the 

orientation of the foot segment was at an offset of approximately 30° during plantarflexion, 

which was not a clinically relevant representation of the ankle joint during walking. To avoid this 

issue, a virtual foot model was developed for the use in the kinematic computations of the foot 

segment. The virtual foot was employed to remove the offset and project the segment coordinate 

system to ensure it was parallel with the floor, regardless of the foot position during the static 

Figure 77. The marker set-up for the static condition (left) and the Visual 3D model created from 
the body segments.  
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trial. The segment coordinate system was rotated (+Z in the AP direction and –Y in the distal to 

proximal axis) to be consistent with the cardan sequence of all other lower limb segments.  

The IOR model further separated the operated foot into four segments (the calcaneus, midfoot 

metatarsus and hallux). The modelling of the MFM was based on the methods detailed in the 

‘IORFoot Tutorial Angles’ within C-Motion Visual 3D Wiki Documentation (C-Motion, 2018). 

The IOR model allowed for the 3D joint rotations to be calculated between the foot segments 

to measure hindfoot, midfoot and forefoot motion. Hindfoot motion was defined as the 

calcaneus with respect to the shank (i.e. the AJC). Midfoot motion was defined as the midfoot 

with respect to the calcaneus (i.e. Chopart joint). Forefoot motion was defined as the metatarsus 

with respect to the midfoot (i.e. Lisfranc joint). A final segment defined the metatarsus with 

respect to the calcaneus and is here after referred to as forefoot-to-hindfoot segment.  

The biomechanical model was built using each participant’s static trial and paired with the 

associated walking trials. The height and weight of each participant was input into the segmental 

model, which was used for joint moment calculations and kinetic normalisation. A pipeline was 

then applied to the data, allowing for the creation of complex scripts which automated the 

calculation and filtered the gait data (Appendix H). The filtering process selectively rejected or 

attenuated certain frequencies (noise) of the raw signal (Robertson et al., 2013). Kinematic signal 

generally occurs in high amplitudes at lower frequencies (Winter, 1984), while kinetic data has 

previously been reported to be more accurate and in less need of filtering (Roewer et al., 2014). 

Therefore, a fourth order low-pass Butterworth filter, with a cut-off frequency of 6Hz and 25Hz, 

was added to the pipeline, for the kinematic and kinetic data, respectively (Robertson and 

Dowling, 2003). The gait events of heel strike and toe-off were determined using thresholds 

(>20N and <20N) from the vertical GRF (Kristianslund et al., 2012), while the kinematic and 

kinetic data were both normalised to 100% of the gait and stance phase.  

In order to determine overall function for each patient cohort, the spatiotemporal parameters of 

step length (m), walking speed (m/s) and cadence (steps/min) were calculated. Step length was 

measured as the distance between the proximal end positions of the contralateral foot at the 

previous contralateral heel strike, to the proximal end position of the ipsilateral foot at the 

ipsilateral heel strike (Shendkar et al., 2015). Walking speed was computed using the actual stride 

length divided by the actual stride time, while cadence was defined as the average number of 

steps per minute (Shendkar et al., 2015).  

Joint angles were computed relative to the proximal segments for the hip, knee and ankle. The 

kinematics of the hip and knee were calculated according to International Society of 

Biomechanics (ISB) recommendations (Grood and Suntay, 1983; Wu et al., 2002), using the X-

Y-Z cardan sequence of rotations (where X is flexion/extension; Y is abduction/adduction; and 

Z is internal/external rotation). The SFM rotations were also calculated using the X-Y-Z cardan 
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sequence of rotations (where X is dorsi-/plantarflexion; Y is eversion/inversion; and Z is 

abduction/adduction). The kinematics of the IOR foot model were quantified using the Z-X-Y 

cardan sequence of rotations, where dorsi-/plantarflexion was defined as the rotation about the 

z-axis (medio-lateral) of the proximal segment, abduction/adduction was defined about the y-

axis (vertical) and eversion/inversion was defined as the axis orthogonal to the z- and y-axis 

(Leardini et al., 2007; Portinaro et al., 2014). Peak angles and ROM for the hip, knee and foot 

models were extracted for statistical analysis. Joint ROM was calculated as the difference between 

the peak angles during the gait cycle.  

GRF data was normalised to each participant’s BW (kg). Two distinct peaks during walking gait 

were quantified in this study. GRF1max was calculated as the peak from early to mid-stance and 

GRF2max was measured as the peak value from mid-stance to terminal stance (Figure 78). Net 

internal joint moments of the hip, knee and ankle were calculated during the stance phase using 

a Newton-Euler inverse dynamic calculation, within Visual 3D software. This calculation 

involved two equations: force equals mass multiplied by linear acceleration (F = m·a); and 

moment of force equals inertia multiplied by angular acceleration (M = I·a). The calculation 

predicted the necessary turning effect across the lower limb passive tissues and muscle structures, 

required to complete the overground level walking trials. The resultant internal moments were 

normalised proportional to participant’s BW, ensuring differences between participants were due 

to individual gait mechanics, rather than weight (Winter, 2009). The joint power at the proximal 

end of a segment relative to a parent segment was calculated as the product of joint moment and 

joint angular velocity. Only the power generated at the lower limb joints was measured, as the 

antigravity muscles (glutei, quadriceps, and plantarflexors) are required during overground 

walking and may remain a challenge in patients implanted with AA or TAR.  
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Figure 78. Schematic of the ground reaction force waveform and vertical peaks (GRF1MAX and 
GRF2MAX). 
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5.2.9 Statistical Analysis  

This was a post-operative exploratory analysis rather than a hypothesis driven study, which was 

also limited by small sample sizes in each patient cohort. Thus, formal inferential analysis was 

deemed inappropriate. Results were instead presented descriptively as mean (± 95% CL) peak 

and ROM of the 3D kinematic and kinetic parameters between patient cohorts. All descriptive 

statistics analyses were conducted using SPSS version 26.0 (SPSS Inc, Chicago, USA). Absolute 

mean values were selected as it allowed a direct comparison to the limited published studies 

comparing both treatment options. This also acted to determine if the patient cohorts from this 

study produced similar gait mechanic trends to the published literature. However, due to the 

limited sample size of each of the treatment cohorts, caution must be dealt when extrapolating 

the results to the larger patient populations.  

5.3 Results 

5.3.1  Patient Reported Outcome Measures 

Descriptive statistics (mean ± 95% CL) in relation to the MOxFQ walking/standing, pain and 

social interaction domains are reported in Table 16. A higher score was associated with a greater 

severity in the reported outcome. The three patient cohorts demonstrated comparable domain 

scores for walking/standing, while the mixed TAR cohort presented slightly higher scores in the 

pain (29.17 ± 29.85) and social interaction (30.21 ± 30.63) when compared to the AA and BOX® 

ankle patient cohorts (Table 16). However, the large variability (± 95% CL) within the respective 

patient cohorts for each of the MOxFQ domain scores showed that each patient’s perception of 

the surgery was substantially different, particularly in the implant patient groups. This finding was 

more than likely due to the combination of a small sample size coupled with the patient’s 

interpretation and understanding of their condition. The scores for all three domains of the 

MOxFQ were summed and converted to a metric from 0 to 100 to create a summary index score 

(MOxFQ-Index), which was comparable between the surgical interventions (Table 16). 

Table 16. Mean (± 95% CL) MOxFQ domain scores between the three patient cohorts. 

MOxFQ Domain Scores AA TAR BOX® 

Walking/Standing 17.86 ± 18.12 17.86 ± 23.66 18.45 ± 23.00 

Pain  22.22 ± 18.73 29.17 ± 29.85 19.17 ± 22.54 

Social Interaction  15.28 ± 18.25 30.21 ± 30.63 16.67 ± 31.38 

MOxFQ Index  18.06 ± 18.24 19.01 ± 19.13 18.23 ± 22.80 

 

5.3.2  Spatiotemporal Parameters  

Descriptive analysis (mean ± 95% CL) of the spatiotemporal parameters measured are presented 

in Table 17. The mixed TAR cohort demonstrated increased walking speed (1.17 ± 0.14 m/s) 

compared to the AA (0.97 ± 0.18 m/s) and BOX® ankle (0.90 ± 0.35 m/s) patient cohorts 

(Table 17). A similar trend was also shown for cadence at the operated limb, with the mixed TAR 
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cohort exhibiting increased cadence (108.43 ± 7.87 steps/min) when compared to the other 

treatment options (Table 17). However, the large variance (± 95% CL) meant that there was 

unlikely to be substantial differences in walking speed and cadence of the operated limb between 

surgical interventions. The measured cadence of the non-operated limb and step length were 

relatively similar between the patient cohorts, with relatively high variance associated with each 

surgical intervention (Table 17).   

Table 17. Mean (± 95% CL) spatiotemporal gait parameters for the three patient cohorts. 

Spatiotemporal Parameters  AA TAR BOX® 

Walking Speed (m/s) 0.97 ± 0.18 1.17 ± 0.14 0.90 ± 0.35 

Step Length (m) - OL 0.61 ± 0.08 0.66 ± 0.08 0.53 ± 0.16 

Step Length (m) - NOL 0.56 ± 0.09 0.64 ± 0.01 0.52 ± 0.18 

Cadence (steps/min) - OL 93.58 ± 7.67 108.43 ± 7.87 100.89 ± 17.44 

Cadence (steps/min) - NOL 97.86 ± 6.00 105.34 ± 7.45 103.05 ± 15.12 

   *OL = Operated Limb; NOL = Non-operated Limb  

 

5.3.3  Hip Kinematics  

Figure 79 presents the mean (± 95% CL) sagittal, frontal and transverse hip kinematics during 

the gait cycle. The sagittal plane kinematic waveform followed a similar trend for all three patient 

cohorts throughout the gait cycle (Figure 79A). However, the BOX® ankle patient cohort tended 

to exhibit increased peak hip flexion angle (32.97 ± 16.22°) compared to both the AA (24.98 ± 

10.18°) and mixed TAR cohort (23.29 ± 6.10°) (Table 18). The BOX® ankle patients also 

possessed a reduced peak hip extension angle (-1.86 ± 19.79°) when compared to AA (-11.80 ± 

9.15°) and mixed TAR (-14.73 ± 8.23°) patient cohorts (Table 18). The relatively large CL in the 

measured peak parameters for the BOX® ankle patients meant that there was large variability in 

hip sagittal plane motion. Despite the associated offset in the BOX® ankle patient cohort, the 

sagittal ROM was comparable between the three patient cohorts (Table 18). 

Table 18. Mean (± 95% CL) hip kinematics for the three patient cohorts. 

Hip Kinematics (°) AA TAR BOX® 

Peak Hip Flexion  24.98 ± 10.18 23.29 ± 6.10 32.97 ± 16.22 

Peak Hip Extension  -11.80 ± 9.15 -14.73 ± 8.23 -1.86 ± 19.79 

Sagittal Hip ROM  36.78 ± 4.42 38.03 ± 2.79 34.83 ± 8.38 

Peak Hip Adduction  8.97 ± 5.77 10.31 ± 5.56 10.03 ± 3.71 

Peak Hip Abduction  -3.29 ± 4.88 -1.78 ± 5.87 1.14 ± 4.15 

Frontal Hip ROM  12.27 ± 2.45 12.10 ± 2.92 8.90 ± 3.59 

Peak Hip Internal Rotation  -3.25 ± 9.29 -1.02 ± 9.09 9.64 ± 11.28 

Peak Hip External Rotation  -15.80 ± 9.19 -12.09 ± 6.34 -2.18 ± 12.83 

Transverse Hip ROM  12.55 ± 1.78 11.07 ± 3.54 11.82 ± 4.10 
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Figure 79. Mean (± 95% CL) hip flexion (+)/extension (-) (A), adduction (+)/abduction (-) (B) 
and internal (+)/external (-) rotation (C) kinematic waveforms during the gait cycle, in patients 
with AA (blue), TAR (red) and BOX® ankle (green).  
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During initial contact, the BOX® ankle patients tended to be in a more adducted position 

compared to both other patient cohorts (Figure 79B). This finding caused the BOX® ankle 

patients to remain in an adducted position throughout the gait cycle. The AA and TAR cohorts 

tended to display abduction motion during toe-off (Figure 79B). The mean (± 95% CL) frontal 

plane kinematics were however, similar between the three patient cohorts (Table 18). In the 

transverse plane, the BOX® ankle cohort were the only patient group which produced a peak 

internal rotation at the hip joint, while the two other cohorts remained externally rotated 

throughout the gait cycle (Figure 79C). The high variability in transverse hip rotation angles, 

demonstrated by the large CL in Figure 79C, meant that transverse plane ROM was comparable 

between the patient cohorts (Table 18).  

5.3.4  Knee Kinematics  

Mean (± 95% CL) sagittal, frontal and transverse plane kinematic waveforms during the gait cycle 

are presented in Figure 80. The sagittal plane kinematic waveform for the knee joint followed a 

similar pattern throughout the entire gait cycle (Figure 80A). Peak sagittal knee flexion and 

extension were comparable and occurred during the same time point in the gait cycle between 

treatment options (Table 19). This also resulted in similar sagittal knee ROM between the patient 

cohorts at the intermediate follow-up period (Table 19). In the frontal plane of motion, no 

substantial differences were detected between cohorts for peak adduction, abduction and ROM.  

Both the mixed TAR and BOX® ankle cohorts remained adducted throughout the gait cycle, 

while the AA patients tended to reach peak knee abduction during the swing phase (Figure 80B). 

The mean transverse plane waveform for the BOX® ankle cohort suggested that the patients 

remained externally rotated throughout the gait cycle (Figure 80C). There was increased 

variability within each patient cohort for knee IER, as demonstrated by the high CL in Figure 

80C. Despite the large variation within the patient cohorts, there tended to be only small 

differences in mean peak IER and ROM (Table 19).  

Table 19. Mean (± 95% CL) knee kinematics for the three patient cohorts. 

Knee Kinematics (°) AA TAR BOX® 

Peak Knee Flexion 61.86 ± 4.18 62.26 ± 5.70 60.40 ± 7.25 

Peak Knee Extension 4.23 ± 5.47 4.48 ± 3.81 6.66 ± 9.56 

Sagittal Knee ROM 57.63 ± 3.54 57.78 ± 4.71 53.75 ± 9.10 

Peak Knee Adduction 9.09 ± 5.14 8.21 ± 2.12 8.70 ± 3.69 

Peak Knee Abduction -2.62 ± 6.77 0.03 ± 2.78 0.97 ± 4.01 

Frontal Knee ROM 11.71 ± 2.62 8.18 ± 2.92 7.73 ± 1.04 

Peak Knee Internal Rotation  1.07 ± 4.56 1.72 ± 7.71 -1.67 ± 8.02 

Peak Knee External Rotation -13.16 ± 5.39 -13.10 ± 4.12 -18.23 ± 10.75 

Transverse Knee ROM 14.23 ± 2.23 14.82 ± 5.46 16.56 ± 5.30 
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Figure 80. Mean (± 95% CL) knee flexion (+)/extension (-) (A), adduction (+)/abduction (-) (B) 
and internal (+)/external (-) rotation (C) kinematic waveforms during the gait cycle, in patients 
with AA (blue), TAR (red) and BOX® ankle (green). 
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5.3.5  Single-segment Foot Model Kinematics  

Figure 81 depicts the mean (± 95% CL) sagittal, frontal and transverse kinematics waveforms of 

the ankle throughout the gait cycle, measured with the SFM. Both implant patient cohorts 

exhibited higher sagittal plane ROM (mixed TAR = 20.11 ± 8.83° and BOX® ankle: 13.56 ± 

4.10°) compared to AA patients (13.10 ± 1.96°) (Table 20). However, the patient cohorts 

demonstrated comparable mean peak dorsiflexion and plantarflexion in the sagittal plane. The 

patient cohorts displayed similar frontal plane kinematic waveforms throughout the gait cycle 

(Figure 81B), resulting in similar peak and ROM values (Table 20).  

The greatest variance between patient cohorts occurred in the transverse plane of motion (Figure 

81C), which followed a similar pattern to both the hip (Figure 79C) and knee (Figure 80C) joints. 

The AA and TAR cohorts displayed corresponding kinematic waveforms in the transverse plane, 

while the BOX® ankle patients tended to have a more abducted ankle throughout the gait cycle 

(Figure 81C). However, the total transverse ROM measured was comparable between all three 

treatment cohorts.  

Table 20. Mean (± 95% CL) single-segment foot kinematics for the three patient cohorts. 

Single-segment Ankle Kinematics (°) AA TAR BOX® 

Peak Ankle Dorsiflexion 12.71 ± 1.78 15.45 ± 4.37 15.99 ± 3.98 

Peak Ankle Plantarflexion -0.40 ± 1.70 -4.66 ± 6.11 -1.91 ± 6.66 

Sagittal Ankle ROM  13.10 ± 1.96 20.11 ± 8.83 17.90 ± 3.67 

Peak Ankle Eversion  2.26 ± 1.74 2.59 ± 2.09 0.77 ± 4.41 

Peak Ankle Inversion  -6.90 ± 3.34 -8.29 ± 2.09 -10.98 ± 4.31 

Frontal Ankle ROM  9.17 ± 2.56 10.88 ± 2.84 11.75 ± 3.28 

Peak Adduction  -0.76 ± 7.34 0.63 ± 7.67 -6.69 ± 7.16 

Peak Abduction  -9.48 ± 6.34 -9.25 ± 5.46 -15.28 ± 7.88 

Transverse Ankle ROM  8.72 ± 2.23 9.88 ± 3.99 8.59 ± 2.29 
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Figure 81. Mean (± 95% CL) single-segment ankle dorsiflexion (+)/plantarflexion (-) (A), 
eversion (+)/inversion (-) (B) and adduction (+)/abduction (-) (C) kinematic waveforms during 
the gait cycle, in patients with AA (blue), TAR (red) and BOX® ankle (green). 
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5.3.6  Multi-segment Foot Model Kinematics 

5.3.6.1  Hindfoot (Segment) Kinematics 

The sagittal plane kinematic waveform of the hindfoot segment followed a similar pattern for all 

three treatment options (Figure 82A). The BOX® ankle patient cohort demonstrated increased 

peak dorsiflexion and reduced plantarflexion motion (Table 21), but this may have resulted from 

the patients possessing greater dorsiflexion of the hindfoot segment at initial contact. The mixed 

TAR cohort demonstrated the greatest peak plantarflexion angle during toe-off, but the large CL 

suggests that there was likely no substantial differences between the patient cohorts for peak 

plantarflexion at the hindfoot. The descriptive statistics highlighted increased sagittal ROM in 

both implant cohorts (mixed TAR: 15.08 ± 5.73 and BOX® ankle: 13.56 ± 4.10) compared to 

AA patients (9.21 ± 1.73°) (Table 21). The hindfoot segment also exhibited reduced sagittal ROM 

parameters compared to the SFM (Table 21), which also accounted for the corresponding motion 

at the midfoot and forefoot segments.  

The kinematic waveform of the hindfoot segment in the frontal (Figure 82B) and transverse 

(Figure 82C) planes of motion compared well with that of the SFM. In the frontal plane, all 

patients remained in an inverted position throughout the gait cycle (Figure 82B). During initial 

contact, the BOX® ankle patient cohort tended to be in a more inverted position compared to 

both other patient cohorts, which may have resulted in the increased peak inversion angle at 

around toe-off (Figure 82B). The BOX® ankle patient cohort was also associated with having a 

greater frontal plane ROM (8.61 ± 1.97°) compared to the AA patients (5.15 ± 1.61°) (Table 21). 

The transverse plane kinematic waveform and selected parameters appeared to be comparable 

between the patient cohorts at the intermediate follow-up period post-surgery (Table 21). 

Table 21. Mean (± 95% CL) hindfoot kinematics for the three patient cohorts. 

Hindfoot Segment Kinematics (°) AA TAR BOX® 

Peak Dorsiflexion  7.26 ± 5.08 8.09 ± 4.28 13.42 ± 8.28 

Peak Plantarflexion  -1.95 ± 4.51 -6.99 ± 7.41 -0.14 ± 9.52 

Sagittal Hindfoot ROM  9.21 ± 1.73 15.08 ± 5.73 13.56 ± 4.10 

Minimum Inversion  -5.92 ± 5.07 -4.01 ± 7.03 -8.24 ± 6.95 

Peak Inversion  -11.06 ± 6.12 -11.32 ± 7.00 -16.85 ± 6.71 

Frontal Hindfoot ROM  5.15 ± 1.61 7.31 ± 2.55 8.61 ± 1.97 

Peak Adduction  5.03 ± 6.68 4.07 ± 8.31 1.65 ± 10.31 

Peak Abduction  -3.21 ± 6.59 -4.28 ± 7.45 -6.93 ± 10.68 

Transverse Hindfoot ROM  8.24 ± 1.31 8.34 ± 2.68 8.58 ± 1.67 
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Figure 82. Mean (± 95% CL) hindfoot segment dorsiflexion (+)/plantarflexion (-) (A), eversion 
(+)/inversion (-) (B) and adduction (+)/abduction (-) (C) kinematic waveforms during the gait 
cycle, in patients with AA (blue), TAR (red) and BOX® ankle (green).  
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5.3.6.2  Midfoot (Segment) Kinematics 

Figure 83 shows the mean (± 95% CL) sagittal, frontal and transverse midfoot segment 

kinematics during the gait cycle. With respect to the sagittal plane, all three patient cohorts 

remained in dorsiflexion (Figure 83A), so peak and minimum dorsiflexion was reported (Table 

22). The AA patient cohort tended to exhibit greater peak dorsiflexion (41.32 ± 7.32°) and 

minimum dorsiflexion (33.47 ± 7.07°) angles compared to both implant cohorts (Table 22), but 

the large CL between within each patient cohort suggests that caution must be taken when 

extrapolating this result to larger patient populations. Despite these differences in peak parameter 

values, mean sagittal plane ROM was similar between the three patient cohorts (Table 22).  

A small ROM occurred in the frontal and transverse planes of motion, independent of the 

surgical intervention (Table 22). The mean frontal plane kinematic waveforms suggested that 

each patient cohort remained in inversion during the gait cycle (Figure 83B), resulting in the 

minimum inversion value being compared instead of peak eversion. Frontal plane peak and ROM 

variables were comparable between all three patient cohorts (Table 22). In the transverse plane, 

the BOX® ankle cohort remained adducted, while the AA cohort remained in an abducted 

position throughout the gait cycle (Figure 83C). This finding resulted in substantially different 

mean peak adduction angles between the BOX® ankle (6.03 ± 7.81°) and AA (-1.41 ± 7.61°) 

patient cohorts. However, mean transverse plane ROM was similar between each of the patient 

cohorts.  

 

Table 22. Mean (± 95% CL) midfoot kinematics for the three patient cohorts. 

Midfoot Segment Kinematics (°) AA TAR BOX® 

Peak Dorsiflexion  41.32 ± 7.32 36.06 ± 9.71 38.26 ± 7.45 

Minimum Dorsiflexion 33.47 ± 7.07 25.75 ± 9.94 28.70 ± 7.15 

Sagittal Midfoot ROM  7.86 ± 1.79 10.31 ± 6.04 9.56 ± 2.48 

Minimum Inversion  -3.35 ± 5.05 -5.34 ± 7.48 -0.71 ± 4.02 

Peak Inversion  -7.22 ± 4.60 -10.49 ± 5.81 -5.36 ± 4.53 

Frontal Midfoot ROM  3.86 ± 1.05 5.16 ± 2.13 4.65 ± 1.52 

Peak Adduction  -1.41 ± 7.61 2.01 ± 10.44 6.03 ± 7.81 

Peak Abduction  -3.74 ± 7.67 -1.47 ± 9.50 3.00 ± 7.45 

Transverse Midfoot ROM  2.33 ± 0.76 3.47 ± 1.23 3.02 ± 0.99 
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Figure 83. Mean (± 95% CL) midfoot segment dorsiflexion (+) (A), eversion (+)/inversion (-) 
(B) and adduction (+)/abduction (-) (C) kinematic waveforms during the gait cycle, in patients 
with AA (blue), TAR (red) and BOX® ankle (green). 
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5.3.6.3  Forefoot (Segment) Kinematics 

Mean (± 95% CL) sagittal, frontal and transverse plane kinematic waveforms of the forefoot 

segment are presented in Figure 84. As expected, small ROM was observed in all three planes of 

motion throughout the gait cycle (Table 23). All three patient cohorts remained in a plantarflexed 

position during the overground walking trials (Figure 84A), which meant that minimum 

plantarflexion was compared instead of peak dorsiflexion (Table 23). Peak plantarflexion tended 

to be higher in AA patients (-82.52 ± 7.16°) compared to both the mixed TAR (-69.78 ± 6.67°) 

and BOX® ankle (-75.53 ± 6.12°) patients (Table 23). Despite this difference, sagittal plane ROM 

was similar for all three patient cohorts and followed a similar pattern to that observed at the 

midfoot. 

The frontal plane kinematics of the forefoot indicated that all three patient cohorts remained 

inverted throughout the gait cycle (Figure 84B). This resulted in minimum inversion being 

reported instead of peak eversion at the forefoot segment (Table 23). Both peak values and 

frontal plane ROM were comparable between the patient cohorts (Table 23). In the transverse 

plane, the forefoot segment remained adducted in the AA and mixed TAR patients, whilst the 

BOX® ankle patients were shown to abduct for the duration of the gait cycle (Figure 84C). 

Regardless of this, the transverse ROM was similar for each patient cohort (Table 23). 

Table 23. Mean (± 95% CL) forefoot kinematics for the three patient cohorts. 

Forefoot Segment Kinematics (°) AA TAR BOX® 

Minimum Plantarflexion -74.81 ± 6.51 -64.53 ± 7.88 -67.66 ± 6.36 

Peak Plantarflexion  -82.52 ± 7.16 -69.78 ± 6.67 -75.53 ± 6.12 

Sagittal Forefoot ROM  7.72 ± 1.83 5.25 ± 3.95 7.87 ± 2.17 

Minimum Inversion  -13.07 ± 3.77 -9.65 ± 8.60 -5.52 ± 5.47 

Peak Inversion  -17.72 ± 3.57 -15.87 ± 8.66 -11.06 ± 5.35 

Frontal Forefoot ROM  4.65 ± 0.94 6.22 ± 1.25 5.54 ± 1.49 

Peak Adduction  5.62 ± 9.16 4.92 ± 8.90 -0.60 ± 6.56 

Peak Abduction  2.57 ± 9.55 1.20 ± 9.35 -4.28 ± 7.20 

Transverse Forefoot ROM  3.05 ± 1.07 3.72 ± 0.82 3.68 ± 0.96 

 

5.3.6.4  Forefoot-to-Hindfoot (Segment) Kinematics 

Figure 85 evidences the mean (± 95% CL) sagittal, frontal and transverse forefoot-to-hindfoot 

segment kinematics throughout the gait cycle. In the sagittal plane, all three patient cohorts 

remained in plantarflexion during the entire gait cycle (Figure 85A). Therefore, minimum 

plantarflexion was reported instead of peak dorsiflexion, which followed a similar trend to the 

forefoot. The kinematic waveforms from all three patient cohorts were relatively similar during 

the gait cycle and resulted in comparable peak and sagittal ROM values (Table 24).  
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Figure 84. Mean (± 95% CL) forefoot segment plantarflexion (-) (A), inversion (-) (B) and 
adduction (+)/abduction (-) (C) kinematic waveforms during the gait cycle, in patients with AA 
(blue), TAR (red) and BOX® ankle (green). 
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Figure 85. Mean (± 95% CL) forefoot-to-hindfoot segment plantarflexion (-) (A), inversion (-) 
(B) and adduction (+)/abduction (-) (C) kinematic waveforms during the gait cycle, in patients 
with AA (blue), TAR (red) and BOX® ankle (green). 
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All three patient cohorts remained in an inverted position throughout gait (Figure 85B), which 

meant that minimum inversion was recorded instead of peak eversion value (Table 24). The mean 

values for each of the gait parameters measured in the frontal plane were similar between the 

patient cohorts (Table 24). This finding was also apparent in the transverse plane, with limited 

differences found between peak and ROM values for the patient cohorts (Table 24). The BOX® 

ankle cohort remained in an abducted position during the gait cycle, whilst the AA and mixed 

TAR cohorts produced both abduction and adduction motions (Figure 85C).  

Table 24. Mean (± 95% CL) forefoot-to-hindfoot kinematics for the three patient cohorts. 

Forefoot-to-Hindfoot Segment Kinematics (°) AA TAR BOX® 

Minimum Plantarflexion -35.39 ± 9.08 -30.86 ± 12.55 -30.68 ± 6.45 

Peak Plantarflexion  -49.19 ± 9.03 -45.79 ± 6.73 -46.03 ± 7.48 

Sagittal Forefoot-to-Hindfoot ROM  13.80 ± 3.10 14.93 ± 8.92 15.35 ± 3.68 

Minimum Inversion  -10.23 ± 7.73 -11.29 ± 2.74 -9.39 ± 5.73 

Peak Inversion  -16.88 ± 6.76 -19.19 ± 2.21 -17.43 ± 7.19 

Frontal Forefoot-to-Hindfoot ROM  6.66 ± 1.74 7.90 ± 2.16 8.04 ± 2.54 

Peak External Rotation  1.38 ± 6.56 0.03 ± 7.53 -0.77 ± 6.99 

Peak Internal Rotation  -4.43 ± 7.54 -7.85 ± 6.86 -6.59 ± 6.48 

Transverse Forefoot-to-Hindfoot ROM  5.81 ± 2.07 7.88 ± 3.33 5.82 ± 1.74 

 

5.3.7 Ground Reaction Forces 

The vertical GRF profiles for the three patient cohorts are presented in Figure 86, with each 

following a typical loading pattern of the stance phase during overground level walking. The 

vertical GRF profile for the BOX® ankle cohort demonstrated reduced force generation up to 

GRF1 max compared to the other patient cohorts (Figure 86). However, there was no substantial 

differences between the patient cohorts for mean peak vertical GRF from early to mid-stance 

(GRF1max) and from midstance to terminal stance (GRF2max) (Table 25).  

 

Figure 86. Mean (± 95% CL) vertical GRF during the stance phase, in patients with AA (blue), 
TAR (red) and BOX® ankle (green). 
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Table 25. Mean (± 95% CL) peak vertical ground reaction force for the three patient cohorts. 

Vertical GRF (BW) AA TAR BOX® 

GRF1max  1.07 ± 0.01 1.08 ± 0.01 1.09 ± 0.04 

GRF2max  1.11 ± 0.07 1.07 ± 0.03 1.05 ± 0.04 

 

5.3.8 Joint Moments 

5.3.8.1 Hip Moments 

Sagittal hip moment demonstrated comparable waveform patterns throughout stance for all three 

patient cohorts (Figure 87A). The BOX® ankle cohort appeared to show reduced mean peak hip 

flexion moment during late stance (Table 26), however the large variability within each patient 

cohort likely meant that there was no substantial difference in peak flexion moment between 

them.  
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Figure 87. Mean (± 95% CL) sagittal (A) and frontal (B) hip internal moments during the stance 
phase, in patients with AA (blue), TAR (red) and BOX® ankle (green). 
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The BOX® ankle cohort also produced a lower abduction moment at the beginning of the stance 

phase compared to both other treatment options (Figure 87B). Small differences were found 

between mean peak abduction values for the three patient cohorts (Table 26). Similar to most of 

the kinematic parameters measured, the BOX® ankle cohort was associated with the most 

variance in hip moment within the patient group (Table 26). 

5.3.8.2 Knee Moments 

Figure 88 presents the mean (± 95% CL) knee moments in the sagittal and frontal planes during 

the stance phase for each patient cohort. The BOX® ankle cohort produced a lower mean peak 

knee extension moment (0.55 ± 0.12 Nm/kg) compared to the AA (0.82 ± 0.18 Nm/kg) and 

mixed TAR (0.68 ± 0.15 Nm/kg) patient cohorts (Table 26).  

 

 

 

-0.5

0

0.5

0 20 40 60 80 100

F
ro

n
ta

l 
K

n
ee

 M
o

m
en

t 
(N

m
/
k
g)

Stance Phase (%)

-0.5

0

0.5

1

1.5

0 20 40 60 80 100

S
ag

it
ta

l 
K

n
ee

 M
o

m
en

t 
(N

m
/
k
g)

AA

TAR

BOX®

A 
 

B 
 

Extension (+) 
 

Flexion (-) 
 

Adduction (+) 
 

Abduction (-) 

 

Figure 88. Mean (± 95% CL) sagittal (A) and frontal (B) knee internal moments during the stance 
phase, in patients with AA (blue), TAR (red) and BOX® ankle (green). 



175 

 

In the frontal plane of motion, knee internal abduction moment tended to be lower in the BOX® 

ankle cohort compared to the other patient cohorts throughout the stance phase (Figure 88B). 

However, mean peak abduction moment was relatively comparable, likely due to the high 

variability (± 95% CL) within each patient cohort (Table 26). 

5.3.8.3 Ankle Moments 

Figure 89 displays the mean (± 95% CL) sagittal and frontal plane ankle moments during the 

stance phase for overground walking. All three patient cohorts followed a similar waveform for 

sagittal plane ankle moment (Figure 89A). The mixed TAR cohort possessed substantially higher 

mean peak internal plantarflexion moment (1.36 ± 0.17 Nm/kg) compared with the AA (1.15 ± 

0.13 Nm/kg) and BOX® ankle patients (1.13 ± 0.12 Nm/kg) (Table 26).  
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Figure 89. Mean (± 95% CL) sagittal (A) and frontal (B) ankle internal moments during the 
stance phase, in patients with AA (blue), TAR (red) and BOX® ankle (green). 
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The BOX® ankle patients were associated with higher inversion moment throughout the 

majority of the stance phase (Figure 89B), which resulted in a slightly higher mean peak inversion 

moment (0.22 ± 0.10 Nm/kg) compared to AA (0.16 ± 0.06 Nm/kg) and mixed TAR (0.16 ± 

0.10 Nm/kg) patient cohorts (Table 26). That being said, the relatively high variability within 

each patient cohort meant that peak inversion moment values were not substantially different. 

 
Table 26. Mean (± 95% CL) peak internal joint moments in the sagittal and frontal plane for the 
three patient cohorts. 

 

 

 

 

 

 

5.3.9 Joint Power 

The generated sagittal plane power of the hip, knee and ankle during the stance phase are shown 

in Figure 90, with the mean peak generated power for each joint presented in Table 27. The 

sagittal plane waveform for hip moment demonstrated that the mixed TAR cohort (1.33 ± 0.34 

W/kg) exhibited substantially higher generated power compared to the AA (0.75 ± 0.23 W/kg) 

and BOX® ankle (0.87 ± 0.42 W/kg) patient cohorts (Table 27). However, the large variability 

within the BOX® ankle patient group meant that it may not be as different, as presented in 

Figure 90A.  

All three patient cohorts exhibited similar waveforms for knee joint power throughout the stance 

phase of the overground walking trials (Figure 90B). This finding resulted in comparable mean 

peak knee generated power in the sagittal plane between the three patient cohorts (Table 27). 

There was however, substantial differences in sagittal ankle joint power waveforms, particularly 

at peak generation (Figure 90C). Mean peak generated ankle power was greater in the mixed TAR 

cohort (2.59 ± 1.21 W/kg) than the AA (1.28 ± 0.42 W/kg) and BOX® ankle (1.37 ± 0.63 W/kg) 

patient cohorts (Table 27).  

Table 27. Mean (± 95% CL) peak joint generated power for the three patient cohorts. 

Peak Generated Power (W/kg) AA TAR BOX® 

Hip  0.75 ± 0.23 1.33 ± 0.34 0.87 ± 0.42 

Knee  0.60 ± 0.17 0.70 ± 0.41 0.46 ± 0.47 

Ankle  1.28 ± 0.42 2.59 ± 1.21 1.37 ± 0.63 

 

Peak Joint Moments (Nm/kg) AA TAR BOX® 

Hip Flexion -0.81 ± 0.25 -0.98 ± 0.18 -0.64 ± 0.21 

Hip Abduction  0.99 ± 0.14 1.00 ± 0.11 0.91 ± 0.21 

Knee Extension 0.82 ± 0.18 0.68 ± 0.15 0.55 ± 0.12 

Knee Abduction  -0.36 ± 0.14 -0.37 ± 0.04 -0.23 ± 0.16 

Ankle Plantarflexion  1.15 ± 0.13 1.36 ± 0.17 1.13 ± 0.12 

Ankle Inversion  0.16 ± 0.06 0.16 ± 0.10 0.22 ± 0.10 
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Figure 90. Mean (± 95% CL) sagittal hip (A), knee (B) and ankle (C) joint power during the stance 
phase, in patients with AA (blue), TAR (red) and BOX® ankle (green). 
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5.4 Discussion 

Both AA and TAR surgical procedures are used to treat end-stage ankle OA, which have both 

been found to improve pain-free function, clinical outcomes and QoL (Lawton et al., 2020; 

Kohring et al., 2020; Goldberg et al., 2022). AA remains the gold standard surgical strategy in 

patients with end-stage ankle OA (Goldberg et al., 2022). However, it has been postulated that 

the fusion process may lead to altered mechanical load and maladaptive motion at the foot joints 

distal to the AJC (Tenenbaum et al., 2017), which results in adjacent joint degeneration, functional 

impairments and the requirement for future surgical interventions (Pinsker et al., 2016). This has 

amplified the need for motion conserving alternatives such as TAR, which have the potential to 

maintain pre-operative ankle ROM and protect the distal joints of the foot (Deleu et al., 2022). 

There have been several studies which have investigated the biomechanical effects of both 

surgical techniques during overground walking, with confounding gait outcomes (Piriou et al., 

2008; Hahn et al., 2012; Singer et al., 2013; Flavin et al., 2013; Segal et al., 2018; Stone et al., 2021). 

Each of the above studies mentioned, were limited by relatively short follow-up period’s post-

surgery (maximum three years) and the use of a SFM or basic MFM, which fail to measure the 

potential compensatory mechanisms in the distally located joints of the foot. Only two studies in 

the published literature have exploited a MFM, which directly compared the effects of AA and 

TAR on gait mechanics, with both studies demonstrating improved motion across the foot 

segments in TAR patients compared to AA (Seo et al., 2017; Sanders et al., 2021).  

However, both the gait based MFM comparison studies failed to report the effect of the two 

surgical interventions on lower limb joint kinetics and kinematics, at an intermediate follow-up 

duration post-surgery (Seo et al., 2017; Sanders et al., 2021). Therefore, the current post-operative 

exploratory study was designed to compare the gait mechanics and functional reported outcomes 

of differing TAR models and AA with respect to the lower limbs and distal foot segments at an 

intermediate post-operative follow-up, during overground walking. The combined kinematic and 

kinetic evaluation allowed for an enhanced functional understanding of the compensatory 

adjustments of the distal foot and proximal lower limb joints following AA and TAR surgeries.  

The main findings from the study suggested relatively comparable kinematic and kinetic gait 

parameters between AA and TAR patient cohorts at the intermediate follow-up post-surgery. 

There were however, a small number of biomechanical differences observed between the surgical 

interventions: (1) increased hindfoot motion in the both implant cohorts when compared to AA; 

(2) greater peak sagittal plane angles in the distal foot segments in AA patients; and (3) higher hip 

and ankle generated power in the mixed TAR patient cohort. From a biomechanical perspective, 

these gait differences suggested that TAR may be a more effective treatment option for end-stage 

ankle OA at an intermediate follow-up period post-surgery.  
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5.4.1 Multi-segment Foot Model Kinematics 

Kinematic analysis of each foot segment was measured with an established and validated skin 

marker based MFM, commonly referred to as IOR (Leardini et al., 2007; Portinaro et al., 2014; 

Caravaggi et al., 2015). The IOR foot model allowed for tracking of the hindfoot, midfoot and 

forefoot segments, which was used to estimate the individual motions at the AJC (hindfoot), 

Chopart (midfoot) and Lisfranc (forefoot) joints (Usuelli et al., 2021). The MFM was also used 

to measure the motion of the forefoot with respect to the hindfoot. This method enabled the 

study to determine which joints of the foot-ankle system provided the functional ROM necessary 

to maintain gait post-surgery.  

There were some potential differences in gait mechanics at the hindfoot segment between the 

three patient cohorts. The BOX® ankle patients tended to have an increased mean peak 

dorsiflexion compared to both other treatment options, but produced a lower peak plantarflexion 

angle, similar to which was measured in the AA cohort during walking. This finding was likely a 

result of the patients being in a more dorsiflexed position during initial contact compared to the 

other two patient cohorts. It should also be noted that the BOX® ankle patient cohort was 

associated with higher variability (a wider ± 95% CL) at the peak sagittal parameters and 

throughout the ROM during overground walking. This finding may suggest that patients 

implanted with BOX® ankle present have variable hindfoot motion or that the mechanical 

outcome is less predictable compared to other implant designs or AA surgery. However, a gait 

based study with a much larger patient population is required to further substantiate this finding. 

The peak plantarflexion angle at the hindfoot segment was shown to have large variance in both 

TAR groups, suggesting that the difference in this parameter was likely to be negligible. In spite 

of the associated variance in hindfoot kinematics, the study ultimately supported the notion that 

recovery of patient biomechanics usually occurs through ankle dorsiflexion in TAR patients, 

while the comparable plantarflexion between patient groups implied that compensation of 

plantarflexion occurred in the distal foot segments.  

The relatively high intra-subject variability at the hindfoot segment within each patient cohort 

can also be seen in other kinetic and kinematic measurements of the foot segments and 

proximally located joints of the foot. This largely comes down to the small sample sizes in each 

patient cohort. However, there are also some inherent limitations which are associated with 

traditional motion capture techniques, such as STA and segment definition. This is particularly 

apparent when analysing small complex anatomical segment biomechanics. A more detailed 

review of the technical limitations associated with the current study, which should be considered 

when considering the biomechanical differences between surgical interventions, can be found in 

Chapter 6 (Section 6.2.2).  

The main kinematic difference found at the hindfoot segment was the greater sagittal ROM in 

both TAR groups, when compared to the AA patient cohort. The sagittal ROM of the hindfoot 
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segment in both the mixed TAR (15.08 ± 5.73°) and BOX® ankle (13.56 ± 4.10°) compared 

well to the ROM (15.10 ± 3.30°) measured in an earlier gait study of seventeen MB devices at 

one year post-surgery (Seo et al., 2017). Other studies using MFM to measure hindfoot motion 

in FB devices demonstrated improved hindfoot motion, particularly during the loading response 

phase of stance when compared to pre-operative values (Fritz et al., 2021; Deleu et al., 2022). 

The loading response is characterised by the transfer of BW onto the forward limb, which uses 

the calcaneus as a ‘rocker mechanism’ during motion (Deleu et al., 2022). This suggests that the 

increased sagittal ROM in both implant cohorts may be due to patients no longer being fearful 

of landing properly at their ankle joint during overground walking. Although pre-intervention 

mechanics are affected by the arthritic condition, which likely caused the significant differences 

between pre-and post-surgery hindfoot kinematics, as noted in the previous studies. The MFM 

literature has also shown that hindfoot ROM is often not fully restored after surgery and is 

significantly lower than in healthy control participants, particularly during midstance and swing 

phase of gait (Fritz et al., 2021; Deleu et al., 2022). 

The primary cause of the reduced hindfoot motion in the AA patients when compared to the 

implant groups, is that the tibiotalar joint is fused, resulting in a significantly stiffer joint during 

overground walking. Despite the reduced sagittal hindfoot ROM in the AA patient cohort, the 

kinematic waveform was comparable to the most recent MFM based gait study measuring AA 

function at one-year post-surgery (Eerdekens et al., 2020a). Using the same MFM, the authors 

demonstrated no significant differences between pre- and post-operative measurement points in 

the absolute ROM of any of the foot segments, particularly at the hindfoot segment (Eerdekens 

et al., 2020a). It is therefore reasonable to suggest that the main purpose of AA surgery is to 

relieve pain at the AJC without compromising pre-operative gait mechanics. It is worth noting 

that the IOR foot model used to measure the kinematic differences of the foot segments was 

unable to differentiate between the motions of the tibiotalar and subtalar joints at the AJC. An in 

vivo based study measuring hindfoot motion determined that the subtalar joint contributes up to 

8.8° of sagittal plane ROM during walking (Lundgren et al., 2008). Therefore, the measured 

motion at the hindfoot segment may potentially be solely attributed to one of these joints.  

In the frontal plane, hindfoot segment ROM was found to be greater in the BOX® ankle patients 

(8.61 ± 1.97°) compared to the AA (5.15 ± 1.61°) patients. This finding was likely due to the 

design of the BOX® ankle, which is designed to possess ligament-compatible shapes of the 

articulating surfaces and allows for complete congruence between the bearing surfaces during 

ROM (Giannini et al., 2011). The tibial component has a spherical convex shape, while the talar 

component possesses an upper anticlastic shape (i.e. convex in the sagittal and concave in the 

frontal planes) and a longer radius of curvature in the sagittal plane than the natural talus. This 

promotes increased ROM at the replaced joint (Leardini et al., 1999; Leardini and O’Connor, 

2002). More importantly, the meniscal insert matches the shape of the metallic articulating 
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surfaces, allowing the ankle joint to maintain significant contact area and full congruity during 

pronation (Ingrosso et al., 2009). This in theory, allows the ligaments to remain isometric and 

rotate about their origins and insertion points without stretching or slacking. 

One of the only studies using MFM to compare the gait mechanics of AA and TAR demonstrated 

no statistical significant differences in hindfoot frontal plane motion (Seo et al., 2017). This 

finding was consistent with the relatively comparable frontal plane hindfoot ROM found between 

the mixed TAR and AA cohorts. This is likely the case due to the similar MB design used by Seo 

et al. (2017) (Hintegra; Integra LifeSciences, Plainsboro, NJ). Another recent study concerning a 

newly designed FB implant (Cadence; Smith & Nephew, London, UK) also found no difference 

in frontal plane hindfoot kinematics between TAR and pre-operative values (Deleu et al., 2022). 

This was likely due to each implant possessing a non-anatomical flat tibial component, coupled 

with a flat surface on the superior insert surface of the UHMWPE insert. This limits the natural 

eversion/inversion motion, compared to the more anatomical and congruent bearing surface 

between the UHMWPE insert and tibial component of the BOX® ankle.  

At the midfoot segment, both implant patient cohorts were associated with slightly greater sagittal 

and frontal plane ROM compared to AA patients. This finding, coupled with the substantially 

greater hindfoot motion, highlights that at an intermediate follow-up period, TAR patients tended 

to have improved foot and ankle function, compared to AA patients. Deleu et al. (2022) also 

established that patients implanted with a FB implant produced increased motion at the midfoot 

during loading response, at one-year post-surgery compared to pre-operative measurements. 

Improved midfoot function is a good indicator of reduced joint pain as the midfoot joints control 

the longitudinal arch deformation during loading (Deleu et al., 2020b). However, the extent to 

which the changes in kinematics of the midfoot, alongside other segments of the foot are 

attributable to pain reduction and contribute to a functioning ankle during locomotion, cannot 

be determined from this study. 

Greater peak dorsiflexion angle was also found in the AA patient cohort compared to both TAR 

groups. This corresponds with a number of earlier studies, which found increased midfoot 

dorsiflexion during the second rocker phase of gait cycle in AA patients (Mazur et al., 1979; Wu 

et al., 2000; Sealey et al., 2009). In the radiographic assessment of 48 patients following AA at 

one-year post-surgery, Sealey et al. (2009) found that the increased dorsiflexion at the midfoot 

appeared to cause impingement at the posterior facet of the subtalar joint, which may be the 

reason for the increased incidence of subtalar OA following AA. However, the large variability 

between patient groups in the current study meant that the peak dorsiflexion angle was likely not 

significant and caution must be considered when extrapolating this result to the larger patient 

populations.  
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With regard to the forefoot segment, peak plantarflexion was substantially larger in the AA 

patient cohort compared to both TAR patient groups. Whereas, minimum dorsiflexion appeared 

to be greater, although not substantially higher, in both TAR groups. This finding was also 

supported when modelling the forefoot-to-hindfoot segment (representing the windlass 

mechanism), with a trend towards the AA patients producing greater peak plantarflexion angle, 

while both TAR patient cohorts produced slightly greater dorsiflexion. The current study 

displayed similar results to another comparator gait study by Seo et al. (2017), which indicated 

dorsiflexion being significantly higher in TAR patients at the forefoot segment, while 

plantarflexion was higher for the AA patients. In addition, Pedowitz et al. (2016) demonstrated 

increased sagittal motion of the distal joints of the foot after AA surgery compared to TAR. 

Although the study reported the increased motion of the adjacent joints when the ankle was fixed 

in a static position during a radiographic assessment, which does not demonstrate this effect 

during dynamic movement.  

This hypermobility at the distally located foot segments in the AA cohort, particularly at the 

forefoot, was likely a result of the loss of motion at the hindfoot. This increased function may 

come at the cost of altered internal loading at the distally located foot joints (Beyaert et al., 2004; 

Barton et al., 2011). Greater peak pressure has been found in the subtalar, talonavicular, and 

calcaneocuboid joints following AA surgery (Wayne et al., 1997; Jung et al., 2007; Suckel et al., 

2007), which is thought to cause significant degenerative changes, with increased incidence of 

OA at the adjacent foot joints (Coester et al., 2001; Ling et al., 2015). The hypermobility within 

the forefoot segment may lie within the passive supportive entities, such as the ligaments, leading 

to overuse and gradually contributing to further foot deformities. However, other studies have 

identified the presence of OA in the adjacent foot joints before AA surgery was performed 

(Winson et al., 2005; Sheridan et al., 2006). Therefore, a causal relationship has not definitively 

been confirmed in the published literature (Bruening et al., 2016). 

In a computational model designed to understand the biomechanical effects of AA, the 

talonavicular joint was found to undertake a peak contact pressure of up to 2.14 MPa during the 

second peak instant post-surgery (Wang et al., 2015). This increased contact stress overtime at 

the articular surfaces is believed to be a predominant factor of OA (Buckwalter and Martin, 2006). 

The in silico models also demonstrated increased von Mises stresses at the second (52 MPa) and 

third (34 MPa) metatarsal bones at the second-peak instant in AA compared to healthy controls 

(Wang et al., 2015). The metatarsals are relative thin and have longer geometries than other bones 

of the foot, which aid in load transfer, making them more susceptible to bone fractures and is 

one of the most common complaints following AA surgery (Weatherall et al., 2013). As von 

Mises stress is considered a predictor of bony stress fracture (Keyak and Rossi, 2000), it can be 

postulated that AA patients may be more susceptible to stress fractures at the forefoot bones. 

The current study was limited to kinematic measurements across the foot segments, but the 
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hypermobility alongside potentially increased stresses at the forefoot joints, means that surgeons 

should be aware of these risks when operating on end-stage ankle OA patients.  

The hypermobility may cause the AJC to less effectively lock the Chopart joint during the heel 

rise phase, reducing the required ROM at the hindfoot (Flavin et al., 2013). This finding is 

contradictory to the most recent post-operative gait study of AA (Eerdekens et al., 2020a), which 

found no significant differences in kinematics at the midfoot or forefoot segments when 

compared to pre-operative data. The study, however, was limited to a short follow-up period of 

one-year post-surgery, suggesting that AA patients suffer from hypo-mobility at distal foot joints 

due to pre-operative disuse. The current study indicates that over a longer follow-up period, the 

AA patients began to compensate at the distally located foot joints, causing greater peak 

kinematic values and increased likelihood of subsequent OA. However, this effect is small when 

compared to the associated variability in the kinematics measured within the small sample sizes 

for each patient cohort. It also remains unclear if the kinematic differences of the foot segments 

were related to the pre-operative condition and compensatory strategies arising from ankle OA, 

anatomical variations, alterations in ligamentous tension, tibiotalar alignment or arthrogenic 

muscle inhibition (von Tscharner and Valderrabano, 2010; Deleu et al., 2022).  

The use of a MFM has indicated that TAR has the potential to improve ROM in most of the 

foot segments measured, whilst greater peak dorsiflexion angle in the midfoot segment and 

plantarflexion angle in the forefoot segment in the AA patients, may act as a compensatory 

mechanism to maintain comparable spatiotemporal (Section 5.4.6) and PROMs (Section 5.4.7) 

parameters to the TAR cohorts. However, the small sample size for each of the patient cohorts 

and subsequent large variability in kinematic data makes it difficult to be able to fully confirm 

these findings. A much larger study, as described in Section 6.1.2, would need to be performed 

to determine if the results from the current study represent the true patient population for each 

treatment option. The current study also failed to collect pre-operative data, due to the time 

constraints of the study duration, with the study focused on obtaining data at an intermediate 

follow-up. This meant that, even with the trend to support improved ROM in TAR patients 

compared to AA, the study is unable to determine which treatment option had the greatest 

improvement post-surgery. The TAR patients may already have possessed increased ROM pre-

surgery, or improvement substantially at a short-term follow-up. This makes it difficult to 

determine from the current study if TAR did produce improved ROM compared to AA patients. 

Even with the potentially improved ROM, the early failure modes (Section 6.1.1) associated with 

TAR, surgeons are still reluctant to select this treatment option and prefer the ‘safer option’ in 

AA.  

Future studies could benefit from the use of biplane fluoroscopic analysis combined with motion 

capture studies, to analyse further the hypermobility occurring at the distal joints of the foot 

following both surgical interventions. This measurement technique better represents individual 
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bone motion through the registration of volumetric computed tomography (CT) data and images 

obtained in vivo by two fluoroscopes (Lenz et al., 2020). A previous dual fluoroscopic imaging 

study demonstrated increased plantarflexion motion at the subtalar joint during overground 

walking in AA patients (Lenz et al., 2020), which could explain the increased rate of subsequent 

subtalar OA that occurs after AA surgery (Fuchs et al., 2003). The same authors repeated a similar 

study in TAR patients and demonstrated no significant kinematic compensation at the subtalar 

joint, which corresponds with the results from the current study and the relatively low frequency 

of future OA following TAR procedures (Lenz et al., 2022).  

5.4.2 Single-segment Foot Model Kinematics 

The SFM kinematic data suggested that the sagittal plane ROM tended to be higher in both the 

mixed TAR (20.11 ± 8.83°) and BOX® ankle (17.90 ± 3.67°) patient cohorts, when compared 

to the AA (13.10 ± 1.96°) patient group. Despite the differences in experimental set-up (e.g. 

laboratories) and implant design or AA technique, the sagittal ROM was similar to previous gait 

based studies (Piriou et al., 2008; Hahn et al., 2012; Singer et al., 2013; Flavin et al., 2013; Segal 

et al., 2018). In each of the previous studies, post-operative sagittal ROM ranged between 13.5° 

to 18.1° in TAR patients and 10.0° to 16.2° in AA patients. Most of the studies above reported 

greater sagittal ROM in TAR compared to AA patients (Piriou et al., 2008; Hahn et al., 2012; 

Flavin et al., 2013). However, there were differences in regard to where the increased ROM was 

accounted for, with some studies reporting significantly higher dorsiflexion in their TAR cohorts 

compared to AA (Singer et al., 2013; Flavin et al., 2013), and another reporting significantly 

greater plantarflexion motion in TAR patients (Hahn et al., 2012). 

There seemed to be an apparent difference in peak adduction and abduction angles in the BOX® 

ankle cohort compared to both other treatment options, with the ankle remaining in an abducted 

position. A similar trend was also observed in the MFM for the different foot segments, but to a 

much lesser extend (Section 5.4.1). However, the overall ROM across the different foot segments 

and in the SFM remained comparable to the AA and mixed TAR cohort. This suggested that 

there was an apparent offset in the data. As proven by the pilot study (Appendix G), it was 

possible to get repeatable data across the same gait laboratories used in the current study. The 

same marker model and testing methodology was also used between sites.  

It is likely that the increased variability in the frontal and transverse planes of the BOX® ankle 

cohort may be attributed to differences in marker placement between the sites. The patients are 

of a much larger BMI than the participants used in the pilot study, making it difficult to accurately 

place the markers at the anatomical landmarks. With such a small sample, the misplacement of 

markers of one patient will have a substantial influence on calculated joint kinematics, particularly 

in planes of smaller motion (transverse plane). However, this would have been the same at the 

CAH site used to collect data for the AA and mixed TAR cohorts. There were differences in the 

optoelectronic marker system, calibration procedure and laboratory set-up (e.g. number of 
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cameras used) between the two research sites which have both been shown to influence the 

repeatability of gait data (Di Marco et al., 2016; Kaufman et al., 2016). Again, the pilot study 

seemed to suggest that these differences did not affect the repeatability of the data in the same 

individuals between the two research sites. It is clear from this finding that a much larger patient 

cohort is required to fully confirm if this difference in peak values are true in the BOX® ankle 

cohort or it is due to differences in the set-up and systems used between research sites. The future 

study should be performed at the same testing site to remove the confounding factors associated 

with collecting data at different laboratories.  

Each of the previous gait studies using SFM did not report motion in the frontal or transverse 

planes due to the complex nature of movement at the AJC and the high variability found between 

individuals. This was particularly apparent in the transverse plane in the current study, with all 

three cohorts presenting high variability (<5°). The transverse plane is associated with a reduced 

amount of motion compared to the sagittal and frontal plane, which was evidenced with this 

study. Therefore, with the small sample size and variability, one patient’s dataset could have 

influenced the calculated peak angles, which may have also accounted for the difference in peak 

values in the transverse plane of the BOX® ankle group. 

In addition to the relatively small sample sizes and corresponding large variations within the 

patient populations in the current and previous gait based studies, the differences in ankle 

kinematic results may also be attributed to the marker location on the foot. In the study by Hahn 

et al. (2012), only one marker was placed on the distal second metatarsal joint dorsum, while 

Flavin et al. (2013) and Singer et al. (2013) utilised basic MFM which positioned additional 

markers at the calcaneus and forefoot. However, neither study focused on the midfoot or 

forefoot segment kinematics intervention, so the contribution of these distal segments remained 

unknown and were therefore treated as a single-segment.  

The major concern with modelling the foot as a single-segment is its inability to measure the 

motion occurring intrinsically in the distally located foot joints (Zelik and Honert, 2018). The 

results from the current study showed that the choice of foot model had a significant effect on 

ROM, with the SFM overestimating the sagittal and frontal plane ROM when compared to the 

MFM hindfoot segment. Conversely, transverse ROM was found to be similar between the two 

foot modelling techniques. A similar clinical difference was established by Deleu et al. (2021b), 

who demonstrated that SFM overestimated sagittal plane motion. This could lead to an 

overestimation of ankle joint kinematics, resulting in the amplification of ankle joint power (Zelik 

and Honert, 2018). The findings in the current study emphasise the clinical need of using MFM 

when assessing the outcome of surgical interventions, particularly when monitoring the potential 

compensatory mechanisms in the distally located foot joints. 
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5.4.3 Ankle Moment and Power 

In addition to the kinematic differences, analysing the impact of kinetic parameters helped to 

interpret the ankle joint function. The mixed TAR cohort appeared to produce a slightly higher 

peak plantarflexion moment during stance when compared to the other patient cohorts. 

Increased plantarflexion moment is widely accepted as a good indicator of a patients’ ability to 

propel their foot forward and the subsequent strength of the calf muscles (Ingrosso et al., 2009). 

This is also verified by the greater ROM associated at the hindfoot segment, along with slightly 

quicker walking speed. However, Seo et al. (2017) demonstrated that despite the improved 

motion at the hindfoot and forefoot segments, peak plantarflexion moment was comparable 

between AA and TAR patient groups. The current study also contradicts the work by Hahn et 

al. (2012), who found that AA patients exhibited increased plantarflexor moment (from 0.71 ± 

0.22 Nm/kg to 0.80 ± 0.19 Nm/kg) at one-year post-surgery compared to pre-operative values, 

while TAR patients produced a reduced moment (from 0.84 ± 0.29 Nm/kg to 0.71 ± 0.32 

Nm/kg). The authors suggested that the reason for the increased moment in the AA cohort was 

due to the talus being fixed to the tibia, with its moment being a combined effect of both ankle 

joint bones (Hahn et al., 2012). Without the associated pain in the ankle, the resulting increased 

ankle plantarflexor moment found in the AA group would likely not cause the patient discomfort, 

as it would have pre-surgery.  

Ankle joint power was calculated by multiplying the internal joint moment by the joint angular 

velocity. Since the ankle joint velocity was relatively comparable between each patient cohort, the 

greater ankle joint moment in the mixed TAR patient cohort was likely the reason for the 

increased ankle power generated (2.59 ± 1.21 W/kg) when compared to both the BOX® ankle 

(1.37 ± 0.62 W/kg) and AA (1.28 ± 0.42 W/kg) patient groups. Whilst the BOX® ankle cohort 

appeared to have a lower ankle power than the mixed TAR cohort, the relatively large variance 

in both implant groups and in the kinematics parameters measured, meant that it was difficult to 

truly determine a difference.  

There was a more apparent difference between the mixed TAR and AA patient cohorts. This 

finding was of great importance as the plantarflexor leg muscles (soleus and gastrocnemius) 

significantly influence the progression of the body forward during walking (Neptune et al., 2001). 

The greater power generated in the TAR cohort may be due to the conservation of the Achilles 

tendon, which provides the connection between the soleus and gastrocnemius muscles to the 

calcaneus and is functionally involved in plantarflexion motion (Maquirriain, 2011). The study by 

Seo et al. (2017) also demonstrated that TAR patients (1.16 ± 0.47 W/kg) produced significantly 

greater generated ankle power compared to an AA patient cohort (0.32 ± 0.07 W/kg). However, 

the study highlighted that neither surgical intervention was able to replicate ankle power found 

in healthy controls, with the AA and TAR patient groups attaining 10.3% and 37.4% of the 

control group ankle generated power, respectively. This apparent reduction in plantarflexor 
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power, was likely due to preoperative atrophy of the plantarflexion muscle complex in the 

arthritic patients (DiLiberto et al., 2021). It should be noted however that the control group in 

Seo et al. (2017) was not aged-matched, which likely influenced the significant differences 

between patient and control cohorts.  

The current study was not designed to determine the degree to which the changes in muscle 

function, leading to the increased ankle power generation, are attributable to the improved 

biomechanical function. Therefore, further studies should assess the potential mechanisms of 

ankle power generation in both types of surgical intervention. This could be addressed through 

changing the implant design to improve hindfoot sagittal plane stability during late stance, to 

improve ankle power. Alternatively, the effect of long term consequences of ankle OA on ankle 

plantarflexor weakness could be investigated through focusing on post-operative rehabilitation 

protocols to improve the strength of the muscles surrounding the ankle joint.   

The TAR patients in this study tended to generate greater rotational forces and power during 

level walking compared to AA patients. This may translate into an enhanced ability to perform a 

variety of ADL and subsequently improved QoL. Additional research is therefore required to 

assess differences in patients undergoing both surgical interventions when performing tasks that 

better mimic ADL at an intermediate period post-surgery. Recent efforts have also led to the 

development of 3D kinetic foot models, which have been used to quantify the biomechanical 

functioning of the different foot segments (Deschamps et al., 2012a; Eerdekens et al., 2019). This 

modelling technique has been used alongside the IOR foot model to determine the kinetic 

behaviour of the adjacent foot joints in AA patients (Eerdekens et al., 2020a). An inverse dynamic 

analysis program (Matlab; MathWorks, Natick, MA, USA) computed joint moments and power, 

using Newton–Euler equations of the distally located foot joints. The study demonstrated that 

the kinetic parameters of the distally located foot joints did not significantly differ at one-year 

post surgery, compared to pre-operative values (Eerdekens et al., 2020a). However, this technique 

is not without limitations in terms of its repeatability, the mathematical estimations made and the 

force measurement technology used, which has prevented its widespread adoption and use within 

clinical analysis.   

5.4.4 Proximal Joint Kinetics and Kinematics 

Another aim of the study was to determine the kinematic and kinetic changes after each surgical 

intervention at the proximally located joints. The results from this study identified an overall 

increase in hip power between the mixed TAR (1.33 ± 0.34 W/Kg) and AA (0.75 ± 0.23 W/Kg) 

patient groups. Whilst the BOX® ankle cohort also exhibited reduced peak hip power (0.87 ± 

0.42 W/kg), the large variance in this cohort meant that it was difficult to determine if this patient 

cohort truly produced lower hip power compared to the mixed TAR cohort. This patient group 

did however, generate increased hip power compared to the AA patient group. The greater hip 

power suggested that the TAR patients were are able to retain improved functioning of the 
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surrounding soft tissues of the hip, which was essential for maintaining smooth and efficient 

forward motion during walking (Queen et al., 2019). The measured knee moments and power 

were more comparable between the three patient cohorts. 

This finding has also been associated with the re-distribution of propulsive power from the 

deficient ankle joint (Franz, 2016; Fickey et al., 2018). This distal to proximal redistribution of 

load and subsequent generated power at the hip joint, may result in further implications for both 

fall risk and implant loading, which are required for bone adaption and potential implant success 

(Kerrigan et al., 2000; Zerahn and Kofoed, 2004; So et al., 2021). However, the TAR patients in 

this study possessed higher ankle power, so were less likely to suffer from this, compared to AA 

patients. This study highlights the importance of continuing to study the effect of treatment of 

end-stage ankle OA on proximal joint kinetics in larger cohorts of patients at a longer follow-up 

period. This will help determine how both surgical interventions may affect the incidence and 

progression of hip and knee OA.  

The current study demonstrated that surgical intervention did not have a substantial effect on 

hip or knee ROM. A similar finding was determined by Seo et al., (2017), who found no 

significant differences between AA and TAR patients at the proximal joints. The motion at the 

hip and knee joints are relatively greater than the motion at the hindfoot. Therefore, the effect of 

the ankle operation on the hip and knee kinematics was considered to be relatively small at this 

intermediate follow-up period. Conversely, other research has determined that hip ROM was 

larger in AA, whereas knee ROM was larger in TAR patients (Hahn et al., 2012). This finding 

corresponds with a more recent meta-analysis which suggested AA patients showed no post-

operative change in knee ROM, but a pooled average increase of 4.77° in hip ROM (Deleu et al., 

2020a). This suggests that patients suffering from end-stage ankle OA compensate more at the 

hip than at the knee for reduced ankle ROM (Segal et al., 2018).  

One of the main differences at the proximal joints was that the BOX® ankle patients exhibited 

an apparent offset in the sagittal plane motion at the hip joint, which resulted in a greater peak 

hip flexion angle and reduced hip extension angle, when compared to the other patient groups. 

There was also an apparent difference in the transverse plane of motion, with the BOX® ankle 

patients producing increased peak internal rotation and reduced peak external rotation angle, 

when compared to the other treatment options. However, each of the reported mean values were 

associated with large variance, so caution must be dealt when trying to draw clinically meaningful 

differences at the proximal joints.  

One of the reasons for the differences may have been due to the differences in gender between 

the patient cohorts. The BOX® ankle cohort had a greater number (50%) of female patients in 

the cohort compared to the other patient cohorts. Women have been shown to exhibit greater 

active hip internal rotation than men (Simoneau et al., 1998), which may explain, in part, the 
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larger Q-angle (Woodland and Francis, 1992). However, the offset was unlikely due to patient 

related factors, but potential systemic error associated with the calibration process during the 

static trials (Benedetti et al., 2013; Di Marco et al., 2016), alongside the small sample size within 

each patient cohort. It is worth considering that the pilot study, which contained a greater number 

of participants (n = 11), did not find statistical significant differences in hip motion across the 

three planes between the two motion capture laboratories (Appendix G). Moreover, despite the 

associated kinematic offset, the overall hip joint ROM was comparable between the patient 

cohorts.  

It should be noted that a number of patients from the current study were also implanted with a 

THR or TKR (AA: one patient with bilateral hip surgery and one patient with their knee replaced; 

mixed TAR: one patient with bilateral TKR surgery and one patient with their hip replaced; 

BOX® ankle: three patients with replaced knees with one having bilateral surgery). This was 

likely the reason for the large variability in patient kinetic and kinematics at the proximal joints, 

particularly for measured knee generated power in the TAR patient group and hip peak angles in 

the sagittal and transverse planes. Not surprisingly, TKR surgery has been found to have a 

significant effect on gait mechanics at the knee (McClelland et al., 2007; Rahman et al., 2015), 

consistently demonstrating reduced total ROM and flexion during stance. It has also been shown 

the TKR surgery can have an even greater biomechanical change at the hip joint. A study by Saari 

et al. (2005) demonstrated that their patients flexed their hip more than their control group. The 

TKR patients also extended their hip less than the control group, but no differences were found 

for hip abduction/adduction motion. These compensatory mechanisms at the hip joint may 

explain the gait differences in the BOX® ankle cohort.  

The influence of THR and TKR in some of the patients in each cohort acted as a confounding 

factor to determine the biomechanical differences after TAR, particularly with the small sample 

sizes. However, removing patients from the study who were implanted with THR or TKR would 

result in the remaining patient cohorts not representing the true patient populations. This 

limitation stands true for the previous gait studies mentioned above, which examined the effect 

of both treatment options on proximal joint kinetic and kinematics. The variability in reported 

motion of the proximal joints following AA and TAR surgical interventions was likely due to the 

relatively small sample sizes, biomechanical models and patient populations used. Therefore, any 

significant kinematic differences found at the hip and knee joints must be dealt with caution and 

studies which a much larger patient population is needed to determine clinical differences 

between the two treatment options.  

5.4.5 Ground Reaction Forces 

The vertical GRF results indicated that each treatment options produced comparable peak values 

(GRF1MAX and GRF2MAX). This finding contradicts research by Piriou et al. (2008), who 

suggested that TAR patients have a vertical GRF pattern similar to healthy individuals, when 
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compared to AA patients. The authors attributed the finding to the restoration of the “rocker 

mechanisms” of the foot in the TAR patients, which permitted the smooth progression of GRF 

across the foot (Piriou et al. 2008). This notion has been linked to an efficient gait and possible 

protection of the adjacent foot joints (Deleu et al., 2022). It should be noted however, that the 

study by Piriou et al. (2008) compared vertical GRF at one-year post-surgery, while the results 

from this study presented intermediate follow-up changes in GRF between treatment options. 

Thus, these findings tends to suggest that TAR patients may be able to return to normal loading 

of the joint quicker than AA patients. Conversely, at the intermediate follow-up in this study, the 

AA patients seemed to produce comparable vertical GRF to TAR patients. This may have been 

due to the compensatory mechanisms found at the midfoot and forefoot in the AA cohort 

(Section 5.4.1), which was likely the reason for similar gait and loading patterns to the TAR 

groups.  

Despite the non-significant findings in peak GRF between the treatment options, the BOX® 

ankle cohort seemed to have a different loading response (5-20%) of the stance phase. This may 

be related to the BOX® ankle cohort having more fear placing load through their operated foot 

(Piriou et al., 2008), causing a reduction in the GRF during initial contact with the force platform. 

However, each of the patient cohorts was associated with large variance during this stage of 

loading, particularly the BOX® ankle participants. The small sample meant that if one patient 

had substantially reduced loading at heel strike, this would subsequently have a large impact on 

the average GRF waveform. It should also be noted that both implant cohorts tended to present 

improved hindfoot motion throughout gait, which is supportive of patients not being fearful of 

landing on their ankle during the walking trials. This finding has been reported in recent literature 

of FB designs when compared to pre-operative values (Fritz et al., 2021; Deleu et al., 2022). Thus, 

supporting the notion that the large variability in vertical GRF likely caused the shift in the 

waveform of the BOX® ankle cohort. The large variance in kinetic data within the patient 

cohorts makes it difficult to determine if these values are truly reflective of the larger patient 

population. Therefore, a study with much larger patient numbers is required to see if patients 

implanted with this third generation MB device demonstrate the same loading responses during 

stance. This finding was also likely heightened due to the barefoot conditions, a potential 

confounding factor in this study (Section 6.2.2.2), as patients who are less confident in walking 

would usually wear shoes with a lot more cushioning.  

5.4.6 Spatiotemporal Outcomes 

The mixed TAR patient cohort tended to have a faster walking speed and increased cadence of 

the operated limb, when compared to the AA patient cohort (Piriou et al., 2008; Flavin et al., 

2013; Seo et al., 2017). The increased walking speeds has been attributed to different strategies 

implemented by each surgical group (Queen, 2017a). TAR patients improve their walking speed 

through increasing their cadence and reducing their step duration, while AA patients possess 
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increased step length accompanied by increased hip ROM (Brodsky et al., 2016). However, the 

current study demonstrated relatively large variance within the respective patient cohorts, 

alongside comparable step length in both the operated and non-operated limbs. This finding 

further indicates that each surgical intervention was able to provide a sense of stability and 

reduced joint pain (Section 5.4.7), while walking post-surgery (Queen et al., 2012; Deleu et al., 

2021a; Deleu et al., 2022). The relatively large variability (± 95% CL) within patient cohorts, 

particularly in the BOX® ankle cohort, was likely due to patient specific compensatory walking 

patterns that develop following surgery. This finding was also verified by the large variance within 

patient cohorts for all PROMs measurements (Section 5.4.7), which suggested each patient has a 

different perception on how well their device is performing. 

The current study allowed patients to walk at their own speed, due to it being unnatural for the 

study to account for walking speed. It has also been shown to influence lower limb joint kinetics 

and kinematics (Kalron et al., 2017). Eerdekens et al. (2020a) demonstrated that walking speed 

that exceeding 6 km/h caused a significant increase in joint kinetic measurements. However, this 

speed was not attained by any of the patient cohorts during overground walking trials which 

meant that the gait data presented was truly representative of each patient cohort.  

5.4.7 Patient Reported Outcome Measures 

The MOxFQ walking/standing domain score is considered the most sensitive to determine 

improvement in foot and ankle conditions (Dawson et al., 2012; Morley et al., 2013). In this study, 

there was no substantial differences in the walking/standing outcome score between the patient 

cohorts. This is a similar finding to a recent multi-centre, open label randomised control trial 

(RCT) comparing AA (36.8) and TAR (30.4) walking/standing domain scores of the MOxFQ, at 

a shorter follow-up period of one-year (Goldberg et al., 2022). The current study also showed no 

significant differences between patient cohorts for pain, social interaction and the MOxFQ 

summary index scores.  

The mean domain scores of the BOX® ankle patient group can be compared to the only other 

study to measure PROMs with the same TAR design (Najefi et al., 2019b). Najefi et al. 

demonstrated improvements in MOxFQ for pain (43.8 ± 20.2, p < 0.001), standing and walking 

(55.6 ± 19.8, p < 0.001) and social activities (45.0 ± 26.9, p < 0.02) at a mean follow-up of 58 

months. The MOxFQ scores in each domain of the current study suggested that each 

intervention was capable of successfully alleviating ankle joint pain and improving ankle function, 

when compared to the pre-operative scores evidenced in Najefi et al. (2019) and Goldberg et al. 

(2022) clinical outcome studies. However, the combined effect of the limited sample size and 

subjectivity of reported outcomes, such as differences in patient’s perception of their treatment 

or misunderstanding of a question. This makes it difficult to truly detect any potentially clinically 

meaningful outcomes. It also highlights the perception of a patient’s pain and functional ability 

will vary, particularly in small sample populations.  
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5.4.8 Implant Design  

The current study aimed to determine whether the third generation MB design (BOX® ankle) 

produced improved functional outcomes and PROMs, compared to a mixed TAR cohort of 

predominately second generation MB designs. The design of the BOX® ankle was manufactured 

with respect to the ligament mechanics at the AJC, through the mobile meniscal UHMWPE 

bearing (Cenni et al., 2013). This feature aims to ensure correct ligament tension throughout 

ROM (Lullini et al., 2020). Despite this, the study suggested that these design features did not 

result in substantially improved gait mechanics and PROMs of the foot and lower limb at an 

intermediate follow-up period, compared to other TAR designs.   

Only a small number of studies have directly compared the gait mechanics of different implant 

designs. Queen et al. conducted several studies assessing gait mechanics following TAR, utilising 

many prosthesis including the STARTM (Stryker), INBONE® (Wright Medical Group), and Salto 

Talaris® (Tornier, SA) (Queen et al., 2012; Queen et al., 2014; Queen et al., 2017b). In 2012, the 

authors compared the results of 23 INBONE® and 28 Salto Talaris® implants, which 

demonstrated that the only differences were greater single-limb stance time in the Salto Talaris® 

and greater double-limb stance time in the INBONE® system (Queen et al., 2012). The latest 

study by the same authors revealed no statistically or clinically meaningful difference between 20 

FB (Salto Talaris®) and 20 MB (STARTM) implants (Queen et al., 2017b). More recently, the 

functional outcome of a two-component FB device (Zimmer Trabecular Metal) was compared 

to the BOX® ankle (three-component), with both designs showing improved clinical outcomes 

and minimal gait differences at a minimum of two-years follow-up (Lullini et al., 2020). The study 

also suggested that ankle ROM in the sagittal plane was 50% less in both patient cohorts 

compared to a control group (Lullini et al., 2020). However, the control group used in the study 

was considerably younger than both implant design patient cohorts and was likely the reason for 

the significantly different kinetic and kinematic parameters measured.  

Each of the postoperative gait studies comparing implant designs are limited by short-term 

follow-up post-surgery. Therefore, the differences found are likely natural gait variability or 

patients not being fully recovered from the surgical procedure itself, within the small cohort sizes 

(Deleu et al., 2020a). Another limitation of the above studies, which has been considered in the 

current study was the use of SFM’s, which did not allow the authors to determine the influence 

of implant design on adjacent joint kinematics. However, even with the inclusion of a MFM, no 

significant differences were found between the implant designs at each of the foot segments 

measured. A RCT with a larger patient population, alongside defined sub groups of TAR patients 

and devices, would need to be performed to confirm this finding. The results from the current 

study do not indicate the superiority of one device over another, suggesting that the choice of 

selecting the device to implant should be based on the surgical approach and other patient-

specific factors. 
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5.5 Conclusion 

The exploratory gait comparison of AA and TAR demonstrated relatively few differences 

between the measured kinematic and kinetic gait parameters at the intermediate follow-up post-

surgery. However, there were some potentially meaningful differences found at the hindfoot and 

distally located joints of the foot, which may indicate compensatory mechanisms being 

implemented by the AA cohort to maintain comparable gait patterns to the TAR cohorts. This 

hypermobility of the neighbouring joints overtime, may increase the risk of developing adjacent 

joint OA and the subsequent need for future surgery. TAR cohorts produced increased sagittal 

hindfoot ROM, ankle moment and power, which was likely a result of improved activation of 

the surrounding muscles to propel the foot and lower body forward during overground level 

walking. All three patient cohorts produced comparable knee kinetics and kinematics, while 

greater hip power was found in the mixed TAR cohort and likely resulted in improved functional 

performance during overground walking.  

In addition, the study emphasises the clinical relevance of the use of MFM in biomechanical 

studies of AA and TAR patient populations, when assessing the outcome of a therapeutic 

intervention, with SFM overestimating the motion at the ankle joint. The data from the current 

study may also help inform surgeon decision making, when considering the effect of end-stage 

ankle OA surgical interventions on the adjacent joints of the foot and the proximal joints of the 

lower limb. However, the small sample size and large variance within each patient cohort makes 

it difficult to make foundational statements about which treatment option improves 

biomechanical function more effectively. A much larger study, preferably a RCT, is required to 

fully confirm the indications and trends from the current work. This study should also focus on 

analysing a range of different ADLs, to determine the full ROM a patient will apply to the joint 

on a day-to-day basis. This is essential to truly establish whether future generations of TAR 

technologies can improve gait mechanics and subsequent QoL over AA.
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CHAPTER 6 

OVERALL DISCUSSIONS, CONCLUSIONS AND FUTURE 

WORK 

6.1 Overall Discussion 

The main surgical interventions for end-stage ankle OA are AA and TAR (Goldberg et al., 2009), 

which have been associated with improvements in pain-free function and QoL (Lawton et al., 

2020). However, long-term complications have been reported for both surgical interventions. 

AA has been associated with abnormal gait mechanics (Thomas et al., 2006; Brodsky et al., 2016) 

and the subsequent development of adjacent joint OA (Coester et al., 2001; Fuchs et al., 2003), 

while TAR long-term survivorship remains unsatisfactory in comparison to AA (Maffulli et al., 

2017) and that of hip and knee implants (Bonnin et al., 2011; Koivu et al., 2017; Palanca et al., 

2018). Previous gait based studies, comparing the two surgical techniques, are also limited by 

relatively short follow-up periods post-surgery, with many failing to determine the compensatory 

mechanisms that may be present at the distally located joints of the foot or proximal lower limb 

joints.  

The success of modern day hip and knee replacements is a result of decades of design and 

development, alongside the standardisation of preclinical wear testing to improve survivorship 

rates and patient functional outcomes (Mujukian et al., 2020). TARs have not been exposed to 

the equivalent pre-clinical testing requirements and only recently has an ISO standard (ISO 

22622:2019), with set kinematic and loading parameter profiles been published. This explains the 

varying in vitro experimental methodologies and conditions used in limited TAR wear studies to 

date, when compared to hip and knee replacement simulations (Affatato et al., 2007; Bell and 

Fisher, 2007; Postak et al., 2008; Kincaid et al., 2013; Bischoff et al., 2015; Reinders et al., 2015b; 

Smyth et al., 2017; Schipper et al., 2018). The majority of earlier studies also failed to determine 

the influence of implant or simulator parameters on wear rates, rather focusing on specific 

implant designs’ wear performance. 

The main aim of this project was to understand the biomechanical and wear behaviour of a third 

generation MB device, in current clinical use, using a combination of gait analysis and 

experimental simulation methodologies. This overarching aim was addressed through the series 

of objectives detailed in Chapters 3-5. The objectives included the investigation of in vitro TAR 

wear behaviour of varying implant and simulator parameters. The in vivo behaviour of the same 

MB device was then determined, through an exploratory post-operative gait study comparing AA 

and TAR function at an intermediate follow-up period. The current chapter provides an executive 

summary of each of these objectives and the fulfilment of the overall PhD aim. 
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6.1.1 Wear Effects of Implant and Simulator Parameters 

The implant parameter study was further separated into two objectives, which aimed to determine 

the influence of implant size and accelerated artificial ageing on implant wear rate. The implant 

size study compared the wear rates, topographic changes and damage wear modes of a medium 

and extra small sized MB device. The knee simulator was pneumatically controlled (KSpn) and 

was run under displacement control using the same experimental conditions and UoL simulator 

inputs. Despite the greater surface area that the medium sized implants had for multidirectional 

articulation to occur, there was no significant different in implant wear rate or topographical 

changes after 5 Mc, when compared to the extra small sized implants (n = 6). This finding does 

not correspond with earlier studies focused on size differences in the hip (Kang et al., 2009) and 

knee (Affatato et al., 2013). This was likely a result of the comparable wear contact areas between 

the implant sizes and subsequent cross-shear, which occurred at the uncoupled bearing surfaces, 

between the tibial component and superior insert.  

Both implant sizes produced comparable wear damage modes of abrasive wear, burnishing and 

multidirectional scratching, to that which are seen on retrieved devices (Affatato et al., 2009; 

Vaupel et al., 2009b; Krause et al., 2011; Brunner et al., 2013). The same damage modes were 

also found in each of the implant and simulator parameter studies within this thesis. However, 

other wear modes such as embedded particles (third-body wear) or excessive UHWMPE 

wear/delamination which are clinically identified, were not observed on any of the testing 

samples, independent of implant or simulator parameter differences. The incapability of 

mechanical wear simulation to replicate all relevant damage modes which are seen clinically, 

represents a general limitation in this field.  

The implant parameter study demonstrated that the conventional UHMWPE meniscal inserts, 

which had undergone the accelerated artificial ageing process (ASTM F2003:2015 and ISO 5834-

3:2019), produced significantly higher wear rates during the steady-state phase, when compared 

to unaged inserts. However, there were no signs that of structural failure or fracture, likely due 

to oxidative degradation on any of the five small sized aged samples. This may be due to the 

BOX® ankles being sterilised using gamma irradiation in the presence of nitrogen. The implants 

may have benefited from some degree of crosslinking, which has been shown to improve the 

wear resistance properties compared to conventional UHMWPE (Muratoglu et al., 2001). It is 

well known that increased cross-link density produces greater multidirectional sliding wear 

resistance and reduced release of wear particles during continued articulation (Kurtz et al., 1999; 

Wang, 2001). There is a known trade off amongst fatigue crack propagation resistance, wear 

resistance and oxidative stability in polyethylene bearing inserts (Atwood et al., 2011). Re-melting 

procedures of UHMWPE has been found to cause improved wear resistance and oxidative 

stability, but resulted in poor resistance to fatigue crack propagation. Increased cross-linking 

combined with annealing procedures produced good resistance to wear and fatigue crack 
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propagation, but can cause the insert to be susceptible to oxidation (Atwood et al., 2011). 

Resistance to fatigue crack propagation has also been correlated with larger lamellar cross-

sectional area, suggesting more lamellae may require increased energy for cracks to from or travel 

through (Atwood et al., 2011).  

It should be noted that the study performed was not a fatigue test and used normal loading 

conditions of the natural ankle during walking, which are well within normal fatigue strength 

limits of the conventional UHMWPE inserts. Running the implants for longer testing durations 

or under malalignment, would likely cause increased contact stresses at the insert bearing surfaces 

with reduced mechanical properties following artificial ageing. Only one previous study has 

developed a method to determine the fatigue strength of a FB implant (Bischoff et al. 2019), 

which found that XLPE had sufficient fatigue strength to withstand 10 Mc of loading inputs at 

more than five time BW at the points in the gait cycle exhibiting peak stresses. Moreover, future 

studies should use fatigue testing on MB devices, under adverse loading conditions collected 

from patient specific data, to truly determine the effect ageing or shelf life has on the risk of 

structural failure due to oxidative degradation. These simulations should run for longer periods 

than traditional wear simulations, in order to replicate the longer-lasting devices currently on the 

market and to confirm the clinical applicability of these pre-clinical results.  

The simulator parameter study was further separated into two objectives, which aimed to 

determine the influence of simulator type and simulator inputs on implant wear rate. Both 

electromechanical (KSem) and pneumatic (KSpn) controlled mechanical simulators produced 

comparable wear rates and topographical changes, which were not significantly different from 

one another. This finding corresponded with earlier studies which compared the difference in 

the same two simulator types on implant wear in hips (Ali et al., 2016) and knees (Abdelgaied et 

al., 2017). However, the output loading and kinematic profiles followed the desired input profiles 

(UoL) more closely on KSem, which was also shown in the previous studies between tested hip 

and knee implants (Ali et al., 2016; Abdelgaied et al., 2017). In addition, KSem remained within 

tolerance of the UoL input profiles, apart from during peak anterior displacement. Although this 

motion was relatively small compared to the other kinematic conditions and has previously been 

found to have no effect on implant wear in a similar MB device (Smyth et al., 2017).  

The newer generation of KSem, with fully independent control, can also be used for a much 

greater range of loading and kinematic conditions which were tested in the current wear studies 

on TAR. This will be particularly important in future studies, which must begin to simulate 

inversion-eversion motion through the abduction-adduction cradle. Inversion and eversion are 

involved in the motions of supination and pronation of the foot, which are primary movements 

that enable the foot to adapt to different terrains (Nigg, 2001), aid in shock absorption and 

transition to a rigid lever during forward propulsion (Sarrafian, 1993). 
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The second study condition compared the differences in wear rate of the same implant under 

UoL and ISO 22622:2019 loading and kinematic input profiles. The different combinations of 

gait inputs applied caused no significant differences in wear rate. This was likely due to the 

relatively similar profiles, particularly for tibial IER, which has been found to have the most 

significant influence on knee (McEwen et al., 2005) and ankle (Smyth et al., 2017) wear rates. 

Both simulator input profiles produced comparable multidirectional motion at the bearing 

interfaces, causing the surface chain orientation to change. This resulted in shearing of the 

conventional UHMWPE, which released wear particles from the surface and caused greater wear 

rates (Bragdon et al., 1996; Wang, 2001). The study also supports the notion that the reduced AP 

displacement found in the ISO 22622:2019 input profile had no effect on wear rate (Smyth et al., 

2017). Despite the comparable wear rates between input profiles, ISO 22622:2019 provides 

researchers with a universal set of experimental conditions and inputs, which will allow 

researchers at different sites to directly compare wear rates from different implant designs. 

However, the research performed in Chapter 5 clearly shows that both these input profiles 

overestimate FE and tibial IER, which likely means that both simulator input conditions 

overestimated implant wear.  

The comparable wear rates produced in each of the implant and simulator parameter studies are 

in a similar range to previous displacement controlled TAR testing on conventional UHMWPE 

(3.4 ± 10.0 to 25.8 ± 3.1 mm3/Mc) (Affatato et al., 2007; Bell and Fisher, 2007; Smyth et al., 

2017). The wear rates for the MB device were also comparable to that of THR (10 to 80 mm3/Mc) 

(Clarke and Gustafson, 2000; Affatato et al., 2008; Shen et al., 2011; Zietz et al., 2013) and TKR 

(2 to 20 mm3/Mc) (D’Lima et al., 2001; Schwenke et al., 2005; Brandt et al., 2012; Schwiesau et 

al., 2013b), after 5 Mc, which used similar conventional UHMWPE as their insert material. 

However, metal-on-metal (Chan et al., 1999; Goldsmith et al., 2000) and ceramic-on-ceramic (Al-

Hajjar et al., 2010) bearing implants have been shown to produce considerably lower wear rates, 

so the comparison in wear rate is only comparable to metal-on-polyethylene devices. The similar 

wear rates in metal-on-polyethylene implants of the lower body corresponds with the similar 

TAR survivorship rates found in THR and TKR at 5 years (range, 90.4–96.0%). Although TAR 

have been found to have considerably lower survival rates at longer-term follow up of 10-15 years 

(range, 63.6–73.0%) (Koivu et al., 2017; Palanca et al., 2018; Clough et al., 2018).  

Predicted Kaplan-Meier cumulative revision rates (95% confidence intervals) in the NJR (2021) 

demonstrated that both hip (4.28%; 4.23-4.33%) and knee (4.13%; 4.08-4.17%) replacements 

were below the current NICE recommended threshold of 5% at ten years (NICE: Total hip 

replacement and resurfacing arthroplasty for end-stage arthritis of the hip. Technology appraisal 

guidance [TA304]). However, the estimated cumulative revision rate for TAR was 8.52% (7.55-

9.60%) at 10 years follow-up, which does not fall within the NICE recommended threshold. It 

should be noted that prior to 2014, the revision threshold recommended by NICE for THR was 
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10% at ten years (NICE: Guidance on the Selection of Prostheses for Primary Total Hip 

Replacement. Technology appraisal guidance [TA2]). The change in NICE guidelines stemmed 

from the improved revision rates for the newer hip devices on the market and this threshold 

should be considered with TAR, since there is a reduced amount of devices implanted on the 

market. The reduced survivorship in TAR has resulted in the total number of procedures (7,084) 

being substantially lower when compared to hip (1,251,164) and knee (1,357,077) replacements 

(NJR, 2021). This is likely due to the surgeon’s reluctance and lack of confidence to implant 

devices with a higher risk of failure. Another reason for the reduced number of primary cases is 

the reduced clinical burden. The majority of ankle OA is associated with previous trauma, 

whereas the primary cause of hip and knee OA is idiopathic. The combined effect of increased 

revision rates and reduced surgical uptake means that until longer lasting TAR designs are 

developed, they will remain less widely used compared to hip and knee implants. 

A major cause of the low survival rates in TAR is aseptic loosening, cited as the cause of revision 

in 24.7% of primary cases (NJR, 2021), which has been associated with wear-mediated osteolysis 

(Schipper et al., 2017). This issue, which is often reported by clinicians with no root cause, has 

resulted in the early discontinuation of several TAR devices with less than 10 years follow-up 

post-surgery (Besse et al., 2015). Clinical follow-up studies have also shown the presence of wear-

associated complications such as synovitis (Brunner et al., 2013) and bone cyst formation (Besse, 

2015; Najefi et al., 2021; Kim et al., 2021). Yet, the relationship between wear and the impact on 

loosening remains unclear. It has previously been found that wear rates between 5 to 20mm³/Mc 

may be sufficient in achieving an adequate ‘osteolytic-free’ lifetime in TKR (Fisher et al., 2004). 

However, this also relies on size and dose dependent wear particles. TKR have been shown to 

produce a greater concentration of wear particles in the 1.0–10 μm size range, which are related 

to lower biological activity and subsequent lower osteolytic potential (Tipper et al., 2006).  

UHMWPE wear particles from a TAR have been shown to be comparable in size to TKR wear 

particles (Kobayashi et al., 2004), whilst morphological assessment determined rounder particles 

with a lower aspect ratio for TAR (Schröder et al., 2013; Reinders et al., 2014). However, the 

differences in particle morphology has been attributed to differences in the biomechanical 

environments (Kobayashi et al., 2004). There has only been one wear simulator based study which 

examined the wear particles produced by TARs (Reinders et al., 2015b). The authors 

demonstrated that in vitro generated wear particles (0.23 ± 0.14 µm) were within the biologically 

relevant size range (~0.2–0.8 μm) associated with localized bone resorption or osteolysis (Green 

et al., 2000; Ormsby et al., 2019), as well as finding that there was no relevant size difference to 

in vivo UHMWPE wear particles (Reinders et al., 2015b). Whilst in vitro wear characteristics 

suggests that TAR may have a relevant osteolytic potential, the wear rates observed in the wear 

studies presented in this thesis are certainly not sufficient to cause osteolysis in such a short 
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period. More research is therefore required to determine the effect on wear-mediated osteolytic 

immune response at a longer-term follow-up in the current generation of MB designs. 

Although this thesis focused on the influence of primary bearing wear on implant performance, 

this is generally not considered the main reason for the short-term TAR performance (Besse et 

al., 2015). As discussed, the wear results from the in vitro studies in this thesis, which aimed to 

mimic up to the first five years of the implants lifetime in situ, demonstrated relatively low primary 

bearing wear rates and were comparable to previously published studies on different TAR designs 

(Affatato et al., 2007; Bell and Fisher, 2007; Smyth et al., 2017). However, the latest NJR annual 

report showcased that the device in question of this thesis (BOX® ankle) possessed a higher 

estimated cumulative revision rate (95% confidence interval) at 10 years follow-up (11.43%; 8.55-

15.20%) compared to the mobility (11.10% 9.32-13.20%), Salto (7.66%; 4.23-13.66%) and Zenith 

(8.31%; 6.53-10.55%) devices (NJR, 2021). However, it should be noted that each of these 

estimated revision rates were calculated from a patient population of less than 250 cases 

remaining at risk at the given time point. Therefore, caution must be taken when making 

definitive conclusions from relative small patient populations, in comparison to hip and knee 

implants. Nevertheless, this suggests that there must be other reasons for the high incidences of 

early revision cases, particularly for the BOX® ankle patients.  

A more consistent concern in the orthopaedic community is the presence of wear debris 

produced by other wear modes, often found at the bone-implant interface. The prominent 

hypothesised TAR failure modes reported in the literature include: implant malalignment (van 

Hoogstraten et al., 2022); fixation coating delamination (Besse et al., 2009; Singh et al., 2016); 

fluid pressure related to micromotion (Yoon et al., 2014) or the incidence of pre-existing cysts 

(Najefti et al., 2021). This combination of mechanical and biological factors are likely the reason 

for the lower survivorship after 10 years for TAR, when compared to AA or other lower limb 

implants. 

Correct positioning during TAR surgery is known to be difficult, which is related to the reduced 

surgical access, large volume of surrounding soft tissues and smaller contact surfaces, resulting 

in an increased risk of malalignment. Incorrect alignment may also arise when a surgeon fails to 

correct natural varus/valgus malalignment, and has been associated with a high incidence of early 

implant failure (Haskell and Mann, 2004; Hobson et al., 2009). It has been predicted that as many 

as 45% of TAR patients may have been implanted with some form of malalignment (Usuelli et 

al., 2017). Effective alignment is considered to be instrumental for long-term implant 

survivorship, particularly through allowing for the optimal transmission of forces. This is essential 

at the ankle joint, with its contact area approximately three times smaller than that of the hip and 

knee joints. The ankle joint also experiences substantially higher peak forces (Vickerstaff et al., 

2007), which have been measured at approximately 6-times BW compared to 2.5- and 4-times 

BW in the hip and knee, respectively (Anderson and Pandy, 2001). The combined effect of a 
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smaller contact area and increased forces, alongside misaligned components may result in higher 

contact stresses at the AJC (Anderson and Pandy, 2001). Other studies have reported a causal 

relationship between the progression of degenerative lesions and post-surgery deformity at the 

AJC, which includes constrained inversion-eversion ROM and alignment issues (Wang et al., 

2018; Morasiewicz et al., 2019). 

Computational models of varying TAR designs have been developed and demonstrated that TAR 

malalignment of greater than 5° inversion can result in the polyethylene inserts reaching their 

yield stress, leading to an increased production of wear particles and loosening long before 

predicted implant survivorship (Espinosa et al., 2010). A more recent computational analysis 

found that a 10° of valgus malalignment at the tibial component caused the greatest contact 

pressure of 177 MPa compared to 98.4 MPa in the neutral position at the tibial bone-implant 

interface (van Hoogstraten et al., 2022). These increased contact pressure exceeds the ultimate 

yield point of trabecular bone. This finding, coupled with the fact that the metallic alloys used at 

the tibial and talar components of TAR designs are substantially stiffer than the surrounding 

cortical and trabecular bone, results in the transmission of force from the implant to the bone 

and producing peak stresses at the bone-implant interface (Sopher et al., 2017). Continued high 

stress peaks at the ankle can contribute to permanent bone damage and reduced implant fixation 

(Morgan et al., 2018). Furthermore, tibial bone strains alter upon malalignment of the device, 

causing localised overloading (edge loading) and stress shielding, contributing to implant 

loosening and eventual requirement for early revision surgery (Mondal and Ghosh, 2019).  

Despite these known early failure modes, there is a lack of experimental validation on the effect 

of malalignment. One simulator based study at the UoL found that component lift off was highly 

prevalent under lower swing phase loads (100-300N), which resulted in edge loading and localised 

peak pressures occurring at the insert edges (Smyth et al., 2018). The study also suggested that 

when the inserts of three MB TARs were placed in 10° of coronal malalignment, the inserts 

produced a peak pressure of 16-18 MPa, which is a similar yield stress of conventional UHMWPE 

(Smyth et al., 2018). This follows a similar pattern to the computationally based studies and 

suggests that malalignment causes increased wear and potential polyethylene failure. A significant 

limitation with this study was the use of a Tekscan sensor to measure contact pressure across 

varying coronal angles of malalignment. This technique could only be used on the flat-on-flat 

interface between the superior insert surface and tibial component, while failing to measure 

contact pressures between the inferior insert surface and talar component, which the two 

computational modelling studies were able to quantify (Espinosa et al., 2010; van Hoogstraten et 

al., 2022). However, a limitation of both computational modelling studies is the fact that both 

focused on measuring post-operative cases, where no bony ingrowth between the implant and 

bone interfaces had taken place. After such bonding occurs through the process known as 

ossoeintegration, the stresses found at the ankle may be reduced. This suggests that the data 
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presented from both studies represents early failure modes and again highlighting fixation being 

a critical factor in early TAR failure. 

All MB implants rely on cementless fixation by bone ingrowth, which requires low relative 

micromotion of 20-50 µm between the implant and the bone in the post-surgery (Jasty et al., 

1997). Previous research has shown than implant design has a significant impact on micromotion. 

Sopher et al. (2017) utilised finite element analyses to determine bone-implant relative 

micromotion in three different implant designs: central stem; dual-cylinder stem; and a keel. The 

greatest amount of micromotion was found in implants possessing central stems, while the keel 

designed implants (which is more similar to the design of the implant used in this thesis) had the 

smallest (Sopher et al., 2017). McInnes et al. (2014) also found that the largest micromotion 

occurred at the same point as the greatest applied torque. However, it is worth noting that both 

studies used axial loads (Sopher et al., 2017) or a combination of an AL with moments around 

the anatomic axes of the foot (McInnes et al., 2014), which do not represent the complex and 

dynamic loaded that occurs at the ankle during ADLs.  

To address these shortcomings, González et al. (2021) used a combination of experimental 

testing, musculoskeletal modelling and finite element analysis, to demonstrate that peak 

micromotion under static peak AL alone was between 2 to 79 times smaller than measured peak 

micromotion during overground walking. The inclusion of combined multiaxial forces and 

moments resulted in micromotion of up to 30 times than that measured in Sopher et al. (2017) 

for stem design implants. The study, however, used line-to-line contact between the fixation 

geometries and the bones, which did not consider the effect of press-fit or gaps at the interface. 

The study by Sopher et al. (2017) showcased a gap between the implant and bone during 

malalignment conditions, which led to a higher amount of micromotion. Therefore, future 

computational studies should assess the effect of a gap at the bone-implant interface and its 

influence on localised loading due to the reduced contact area of the implant. Another limitation 

with all the studies mentioned is that they are all computationally driven and not validated by 

experiments. However, there is substantial difficulties in experimentally growing bone and being 

able to replicate fixation at the bone-implant interface. Incremental improvements in 

experimental testing and implant design will further reduce the risk of micromotion at the bone-

implant interface, while enhancing bone-implant fixation and initial stability, to prevent long-

term implant loosening (McInnes et al., 2014). 

The larger axial loading forces on the ankle have been associated with increased rates of osteolytic 

cysts in TARs, due to the lower numbers of surrounding muscles at the ankle providing additional 

support (Lee et al., 2013). Moreover, hip and knee implants attempt to cover the resected bone 

surfaces with cement or with the device itself, while in most TAR designs, the subchondral bone 

located at the metallic components are uncovered and are exposed to the intra-articular fluid 

(Arcângelo et al., 2019). This could lead to fluid circulation and cyst formation (Fahlgren et al., 
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2010), due to increased pressure of the intra-articular synovial fluid in the smaller joint space 

compared to that of the hip and knee (Rodriguez et al., 2010). The wear debris may also get 

trapped in these joint spaces, which will influence the osteolytic potential. It is hoped with the 

improvement of future generation of designs, the incidence of early cyst formation will reduce, 

or will at least delay the onset of wear-mediated osteolysis or implant loosening.  

The MB device in the in vitro wear studies (BOX® ankle) was coated in hydroxyapatite coating 

which aids in the osseointegration process (Botterill and Khatkar, 2022). However, the 

disintegration of these fixation surfaces during continued articulation has been found to produce 

an array of sub-micron particles, while also been associated with causing extensive osteolysis 

(Singh et al., 2016). Elemental analysis of peri-prosthetic tissues in 71 patients undergoing 

revision surgery following failed TAR, found elevated levels of calcium phosphate, cobalt 

chromium, iron, molybdenum, nickel and titanium in patients with peri-prosthetic cysts when 

compared to patients without ballooning osteolysis (Singh et al., 2016). High concatenations of 

calcium (>0.5 g/g) were associated with a 297-fold increased risk of ballooning osteolysis (Singh 

et al., 2016). However, the authors noted the difficulty in mass spectrometry and elemental 

composition being able to differentiate the origin of the wear debris, as this may have been 

produced by the hydroxyapatite coating or bone around the implant.  

The metallic particles found in the retrieved devices may have originated from the bearing 

surfaces due to a number of wear modes such as fatigue failure, third-body wear, extensive 

abrasive wear or fixation surface delamination. Fixation surface wear has previously been 

identified in hip and knee explants using a novel wear particle isolation method (Stratton-Powell 

et al., 2022). Submicron-sized cobalt chromium alloy and titanium wear particles are said to cause 

an increased risk to developing aseptic loosening (Yao et al., 2017). In a metal-on-metal THR 

articulation, cobalt chromium alloy particles tended to be in the nanometre size range (Brown et 

al., 2007a), while particles generated at the fixation surface tended to be larger in size (Maloney 

et al., 1995). These differences may be attributed to varying mechanisms of wear, with the former 

being attributed to fretting and the latter relating to abrasive wear (Brown et al., 2007b). The 

combination of wear particles suggests that the early failure of these devices may be due in part 

to the multifaceted biological cascade that occurs following particle release and the accumulation 

of these particles within the small joint space over time. Further research is still required to 

determine the implications of these particle characteristics on biological activity at the bone-

implant interface. The effect of these particles should also be accounted for during validation 

clinically relevant wear simulator testing and biological response studies during the design and 

development of TAR devices. 

In other replacement joints of the lower limb, there is a large range of case numbers necessary to 

achieve consistently improved alignment and reduced patient complications (Usuelli et al., 2017). 

When a high volume orthopaedic surgeon is implanting a new hip or knee prostheses, a total of 
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40 (Seng et al., 2009) and 25 (King et al., 2007) cases are required before stabilisation of resection 

accuracy and reduced operative time, respectively. The location of the AJC makes the surgical 

procedure highly complex, resulting in the increased failure rate at the short-term compared to 

hip and knee implants. Multiple investigations have demonstrated that the survival rates of TAR 

increases substantially with increased surgical experience, identifying the presence of a significant 

learning curve in various TAR designs and models (Clement et al., 2013; Lee et al., 2013; Roukis 

and Simonson, 2015; Usuelli et al., 2017). Schimmel et al. (2014) compared the first and last 

consecutive 50 cases by a single surgeon using the STARTM (Stryker) implant. The last 50 patients 

demonstrated reduced perioperative complications and operating time, alongside improved 

sagittal alignment (Schimmel et al., 2014). Another study focusing on the survivorship of the 

Depuy Mobility® device demonstrated a reduced incidence of perioperative complication from 

the first 30 patients to the second 30 patients (36.7% vs 16.7%, p = 0.08) (Lee et al., 2013). 

However, the majority of studies mentioned have shown that the best surgical outcomes have 

typically been authored by individual who may have designed or have a financial interest in the 

implant being examined (Maccario et al., 2021).  

Usuelli et al. (2017) determined a significant learning curve for surgical time (16th patient), 

PROMs (13th to 21st patient), alpha and gamma radiographic joint angles (18th and 15th patient 

respectively) and complication rates (39th patient), with a single surgeon who did not develop the 

device in question. This suggests that most clinical and radiological outcomes stabilise after a 

surgeon has implanted 28 cases. However, this study is also limited to a retrospective, single 

surgeon, single-implant and single-centre design, which may limit the generalisability of the 

learning curve data (Usuelli et al., 2017). This is because surgeons have different levels of technical 

ability and experiences with certain devices, which will affect their individual learning curve. 

Greater restriction on patient selection is therefore required for at least the first 20-50 TAR cases, 

in order to prevent the continued early failure of TAR devices when compared to hip and knee 

devices.  

Taking into consideration the complexity of the surgical procedure for TARs, coupled with the 

increased load bearing nature of the talocrural joint, there is no surprise that patient indications 

for TAR surgery are highly limited. The ideal candidate for a TAR is an individual who is generally 

over the age of 50 years, who is less than 250 pounds, has no hindfoot deformity, has a lower 

physical demand, has failed to respond to other non-invasive treatments, and has severe pain 

secondary to ankle OA (van der Plaat and Haverkamp, 2017). The contraindications, which have 

been discussed within this section, which are associated with the short-to-mid-term failure of 

TAR, has likely contributed to AA remaining the preferred surgical intervention for the majority 

of orthopaedic surgeons (Ferguson et al., 2019). With the younger and more active patient 

populations with ankle OA compared to the knee and hip, TAR should be more widely available. 

However, the limited confidence and volume of early failure modes, makes fewer surgeons willing 
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to update such devices compared to AA, as well as other artificial implants of the lower limb. If 

devices continue to fail early in the ‘ideal’ patient demographic, this will likely lead to catastrophic 

failure in patients outside this bracket. These reasons identify why TAR remains much further 

behind the success curve compared to modern day hip and knee designs. 

One of the many design improvements in hip and knee devices was the introduction of XLPE 

and vitamin E doped polyethylene, which has been clinically shown to improve oxidation 

resistance and reduce implant wear (Minoda et al., 2009; Affatato et al., 2012; Paxton et al., 2015; 

Meneghini et al., 2016). This has led to significantly reduced prevalence of wear-mediated 

osteolysis, risk of subsequent loosening at bone-implant interface and overall implant 

survivorship (Lachiewicz et al., 2016; Rames et al., 2021). However, XLPE has been associated 

with polymer chain scission and increased embrittlement, which can reduce fatigue properties 

and result in early fracture and ultimate failure of the implant (Akagi et al., 2006; Sakellariou et 

al., 2013). This known risk, coupled with the combination of increased loading and small bearing 

surfaces in the ankle, has limited the number of companies manufacturing TAR implants with a 

XLPE meniscal bearing, with only two designs available on the UK market in 2022. This is 

despite the significantly lower wear rates found in XLPE tested devices (2.1 ± 0.3 to 3.3 ± 0.4 

mm3/Mc) (Kincaid et al., 2013; Bischoff et al., 2015; Schipper et al., 2018) compared to 

conventional UHMWPE (3.4 ± 10.0 to 25.8 ± 3.1 mm3/Mc) (Bell et al., 2007; Affatato et al., 

2007; Postak et al., 2008; Reinders et al., 2015b; Smyth et al., 2017). 

Morphometric and biological trends in wear simulator studies, using equivalent circle diameter 

computed methodologies, have demonstrated that XLPE wear particles produced in a TAR were 

smaller than those produced by conventional UHMWPE (Bischoff et al., 2015; Schipper et al., 

2018). Both studies found that the wear particles generated from both polyethylene types were 

smaller than those reported in hip and knees. However, the clinical impact of the different sized 

wear particles is not yet known. It has also been shown that XLPE in a TAR device, possessed 

enough fatigue strength to withstand 10 Mc of loading at 5 times body weight (5600 N), with no 

signs of gross fracture at the bearing surfaces or locking mechanism (Bischoff et al., 2019). 

Further research is warranted to determine if TAR with XLPE used as its meniscal bearing can 

exhibit the beneficial wear properties found in hip and knee implants, without the increased risk 

of bearing fracture.  

It is hoped that the newer generation of TARs are able to provide improved long-term 

survivorships which are comparable to hip and knee implants, whilst also falling within the NICE 

technology appraisal guidance (5% or less revision rate at 10 years post-surgery). More research 

is also required to understand the biomechanical function of newer TAR designs, particularly 

with AA remaining the preferred surgeon choice for the treatment of end-stage ankle OA 

(Section 6.1.2). Pre-clinical wear simulation driven by inputs generated from the biomechanical 

assessment of TAR patients (Chapter 5), will result in a greater understanding of in vivo wear 
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performance. This will help to improve future TAR designs which last longer in younger and 

more active patients. However, the development of longer lasting devices increases the likelihood 

of the patient suffering from wear-mediated osteolysis and aseptic loosening at the bone-implant 

interface.  

6.1.2 Biomechanical Effects of Ankle Arthrodesis and Total Ankle Replacement 

Chapter 5 explored the post-operative differences in the kinetic and kinematics of the varying 

foot segments and proximal joints of the lower limb during overground walking, in patients 

implanted with AA and TAR, at an intermediate follow-up period. A third patient cohort was 

included in the study, who were all being implanted with the same design (BOX® ankle), which 

was the same prosthesis used in the wear simulation studies (Chapters 3 and 4). This was 

performed to determine if the third-generation MB device was able to perform as well clinically, 

as was found during pre-clinical simulator testing.  

The patients implanted with TAR tended to have substantially greater ROM at the hindfoot 

segment, which corresponds with the previously published literature comparing AA and TAR 

(Piriou et al., 2008; Hahn et al., 2012; Flavin et al., 2013; Seo et al., 2017; Segal et al., 2018; Sanders 

et al., 2021). This finding is likely the result of the fusing of the AJC in AA patients, which caused 

the hypermobility found at the distally located foot segments, compensating for the reduced 

hindfoot motion. The increased sagittal ROM at the hindfoot in the TAR group may also be 

explained by the fact that the TAR patients may be more confident to land properly on their foot 

during the loading phase of gait when performing overground walking. Another important trend 

in the kinematics at the hindfoot segment was the greater ROM in the frontal plane in the BOX® 

ankle cohort when compared to both other patient cohorts. This may be a result of the design of 

the device, since the MB device in question preserves ligament isometry, which helps maintain 

natural ROM during motion (Lullini et al., 2020). This finding may also relate to the improved 

transmission of forces between the hindfoot and forefoot, supported by the restrained 

mechanism at the subtalar joint, which functions to absorb the load after initial contact and 

provides a rigid lever for propulsion during walking (Henricson et al., 2007).  

Peak dorsiflexion at the midfoot segment and peak plantarflexion angle at the forefoot segment 

was considerably higher within the AA patients compared to TAR cohorts. This kinematic 

compensatory mechanism was likely a result of the reduced hindfoot motion remaining from the 

surgical procedure itself. This compensatory mechanism was also found to produce comparable 

PROMs and spatiotemporal results between the AA and TAR cohorts, which suggest an 

improved stability and reduced joint pain while walking at the intermediate follow-up period 

(Queen et al., 2012; Deleu et al., 2022). The TAR patients produced a greater minimum 

dorsiflexion angle as all groups remained in plantarflexion throughout the gait cycle. These 

findings correspond with Seo et al. (2017), with the study implying that TAR patients exhibited 

greater dorsiflexion in a comparable forefoot segment, whilst plantarflexion angle was 
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significantly greater in AA patients. Dorsiflexion is considered a good indicator of improved foot 

function post-surgery (Eerdekens et al., 2020a), while the higher plantarflexion in the AA patients 

is likely compensating for the loss of hindfoot motion and could further result in joint 

degeneration and need for subsequent surgical intervention.  

Although the study identified varying kinematic behaviour at the AJC and distally located foot 

segments, the extent to which the changes in foot segment angles are attributed to pain relief, 

cannot be fully determined in the current study. This was also the case with alterations in patients’ 

gait and the extent to which this will improve ankle function. It should be noted that across all 

kinematics parameters measured at the foot segments, the time-series graphs demonstrated that 

the greatest variance within and between patient cohorts, was in the transverse plane of motion. 

However, this is not as clinically meaningful when compared to differences in sagittal and frontal 

plane motion. This is due to the small amount of motion which occurs and is the reason why 

many researchers do not report the results. These motions were still important to measure, given 

they still form part of each foot segment ROM. Further studies may be required to determine 

subtle differences in this plane of motion. 

The increased ankle plantarflexor moment found in the mixed TAR cohort, compared to the 

other treatment groups, represents an indicator of improved foot function and its ability to propel 

forward during walking (Ingrosso et al., 2009). This may also indicate that this cohort improved 

the strength of their plantarflexor leg muscles (soleus and gastrocnemius) when performing the 

walking task. In addition, the higher ankle power in the mixed TAR cohort may be related to the 

conservation of the Achilles tendon, coupled with the apparent functioning of the plantarflexor 

muscle groups and kinematics. The increased ankle power in the mixed TAR cohort resulted in 

increased hip extensor generated power during walking, which indicates proximal redistribution 

occurs more at the hip than at the knee in TAR patients. However, the large variability in all three 

patient cohorts resulted in comparable kinematics in all three planes of motion at both the hip 

and knee joints, respectively. This finding aligns with Seo et al. (2017), who identified no 

statistically significant differences in hip and knee kinematics. The authors attributed this to the 

relatively small changes in motions at the foot segments, which did not result in significant 

functional differences at the proximal joints through the lower limb kinematic chain. The gait 

study presented in this thesis supports the notion that both surgical procedures had negligible 

effect on proximal joint kinematics.  

The current study implied that the third generation MB design did not result in any substantial 

changes to patient gait mechanics or reported outcomes, when compared to patients implanted 

with mostly second-generation mobile designs. The improved hindfoot frontal plane motion 

within the BOX® ankle cohort was nullified by the reduced ankle plantarflexion moment and 

associated power, compared to the mixed TAR cohort. However, the latter was likely due to the 

relatively high patient variation in both study groups. Both TAR cohorts presented large 
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variability, for the majority of the PROMs and gait parameters measured, suggesting that 

biomechanical performance appears to be more specific to AA surgery. Although as a whole, 

both groups showed improved functional outcomes to AA. The comparable finding is well 

supported in the ankle literature which has previously compared gait mechanics of varying 

designs (Queen et al., 2012; Queen et al., 2014; Queen et al., 2017b; Lullini et al., 2020). 

Gait outcome comparisons between the three patient cohorts identified potentially clinically 

meaningful observations, which warrant further exploration in subsequent larger scaled 

prospective studies, to determine whether the current findings of local mechanical differences 

between the treatment groups are transferrable to the larger patient populations. This should be 

in a form of multi-centre trial involving a much greater sample size of patients, to avoid both 

surgeon and research site bias. The larger scaled study should also include pre-operative 

information, so that patient population matched data and true improvement of each surgery can 

be determined. This is a limitation of the current study and is discussed in Section 6.2.  

There is a current RCT (TARVA) comparing AA and TAR to determine which treatment option 

offers better pain free function and QoL, fewer complications and better value for money. The 

TARVA trial is estimated to finish in 2029 and has published short-term data after one-year 

(Goldberg et al., 2022). However, the study only reports PROMs information and ROM collected 

using a goniometer. Future studies should look at similar outcomes mentioned in the TARVA 

RCT, but use similar gait analysis techniques used in the current study, to fully determine the 

long-term effect of each treatment option on gait mechanics of the two treatment options. This 

should also be performed under a range of varying ADL, which would represent the patients’ 

movements on a day-to-day basis, rather than just measuring overground walking. From the 

results of this exploratory study, the null hypothesis of the larger study would be that TAR 

improves ROM at the hindfoot, while AA causes increased peak motions at the midfoot and 

forefoot segments. Until such a study takes place, there is no clear evidence as to which procedure 

is clinically superior. 

6.1.3 Biomechanical versus Wear Performance  

The mean gait derived kinematics from the BOX® ankle patient cohort (Chapter 5) are 

substantially lower the ISO 22622:2019 recommended input profiles, which was used in some of 

the wear studies reported in this thesis. Reduced hindfoot dorsi-/plantarflexion (equivalent to 

FE in the simulator) and reduced adduction/abduction (equivalent to tibial IER in the simulator) 

motion in the sagittal and transverse planes can be found in the BOX® ankle patient input 

profiles, when compared against the input profiles from ISO 22622:2019. This is presented in 

Figure 91, where the patient data was interpolated from 101 time series measurements of the gait 

cycle to the required 128 data points of the mechanical simulator input profile. Mean peak and 

ROM parameters for flexion and rotation of the derived input profiles from ISO 22622:2019 and 

BOX® ankle patient data are displayed in Table 28. The offset in FE and tibial IER kinematic 
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waveforms (Figure 91) of the patient specific data compared with ISO 22622:2019 profiles was 

likely due to the hindfoot segment being used instead of the full foot segment, which removed 

the effects of the midfoot and forefoot segments.  

 

Figure 91. Current pre-clinical testing recommended flexion (+)/extension (-) (A) and tibial 
rotation (B) input profiles from the ISO 22622:2019 (blue) compared to the mean kinematic 
waveforms from the BOX® ankle patient cohort (red).  
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Table 28. Comparison of peak and ROM parameters for flexion/extension and tibial rotation 
input from ISO 22622:2019 and patient specific profiles.  

Simulator Peak and ROM Inputs ISO 22622:2019 BOX® ankle  

Peak Flexion (Dorsiflexion) 15.00 13.42 

Peak Extension (Plantarflexion) -15.00 -0.14 

Sagittal plane ROM 30.00 13.56 

Peak External Rotation (Adduction) 8.02 1.65 

Peak Internal Rotation (Abduction) -2.45 -6.93 

Transverse plane ROM 10.47 8.58 
 

The FE profile ROM is nearly 50% less in patient driven kinematic waveform compared to the 

ISO 22622:2019, while the tibial IER ROM is approximately 2° less. The reduced multidirectional 

motion that would occur under the patient specific kinematic profiles would likely lead to reduced 

cross-shear ratio and subsequent reduced wear rate, under similar experimental conditions. An 

increase in tibial rotation, coupled with comparable loading and flexion profiles has been found 

to cause greater wear rates in a MB device (Zenith, Corin Group PLC) (Smyth et al., 2017), which 

is of a similar design to the BOX® ankle. The multidirectional motion causes shear forces which 

change the orientation of the polyethylene fibrils. This resulted in shearing of the polyethylene 

particles from the insert bearing surfaces, generating wear and increased risk of wear-mediated 

osteolysis (Bragdon et al., 1996; Wang, 2001).Conversely, by applying higher kinematics closer to 

that seen in healthy individuals (Appendix G), the simulator inputs used in each of the wear 

studies provided more demanding wear conditions to investigate implant and simulator 

parameters.  

It should be noted that Figure 91 displays the mean hindfoot segment motion of only six patients 

implanted with the BOX® ankle. The variability in this patient group was considerable, which 

could have added to the offset in data between the two input profiles. This means that certain 

patients may fall closer in line with the ISO input profiles than others, implying that the difference 

may not be as substantial. The small sample size and large variability associated with the BOX® 

ankle cohort means that a much larger (powered) study is required to truly determine if there are 

clinically meaningful kinematic differences between patient driven and ISO 22622:2019 profiles. 

However, with the ISO standard using historic data from healthy patients, it is clear that this 

larger scaled study must go ahead to help shape an ISO standard driven by patient specific data, 

from a variety of implant designs and materials. This also brings into question whether standards 

should be created for specific patient demographics or implant designs, as its clear from even the 

small sample gait study (Chapter 5), differences exist in certain kinematic parameters between 

varying implant designs.  

Despite AP displacement not being defined in the BOX® ankle patient cohort due to limitations 

in the marker-based motion capture technology used in Chapter 5, changes in applied AP 

displacement has been proven to not have a significant effect on overall implant wear rate (Smyth 
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et al., 2017). The vertical GRF recorded in the TAR cohort would need to be inputted into a 

musculoskeletal model to determine the contact forces at the ankle joint, to then be used as the 

AL input profile in the simulator. However, further research is required to develop such a model 

of the ankle joint, which can accurately calculate the contact forces. A review of the limitations 

and future work associated with the wear and biomechanical studies can be found in Section 6.2 

and Section 6.4, respectively.   

An alternative to displacement control simulation is load control, which use a combination of 

AP force and axial torque profiles, allowing components to translate and rotate based on the 

simulated physiological constraints, such as ligamentous laxity characteristics (DesJardins et al., 

2007; Reinders et al., 2015b). FE is displacement controlled and AL is load controlled in both 

simulator concepts. Alongside patient driven gait data, force controlled simulations have the 

ability to generate more accurate clinically relevant motions of TAR patients (Reinders et al., 

2015b). Conversely, the force-controlled conditions are associated with more variables, as the 

effect of ligaments and muscles are included within the calculation of simulator kinematics, and 

are therefore more difficult to implement. Ho et al. (2020) reinforced this finding that the 

implementation of force controlled simulators may present uncertainties in the resultant motion, 

through imitating the passive structures, making it difficult to reproduce the same experimental 

conditions between different TAR designs, materials and investigators (Ho et al., 2020). This may 

also result in more variation in the motion between the simulator stations, leading to greater inter-

station variability.  

In two identical sets of posterior cruciate retaining TKR which were tested under displacement 

and force control, the samples tested under force control (20.9 ± 4.2 mg/Mc) showed more than 

double (p = 0.034) the wear of those tested under displacement control (9.2 ± 0.9 mg/Mc) 

(Schwenke et al., 2009). All three samples of the displacement control group developed similar 

wear rates, indicated by the small variance (standard deviation), while the load control group 

possessed substantially higher variability. The authors reported that the higher wear rate and 

variability observed under force control might have been due differences in the time domain 

throughout the simulated gait cycle (Schwenke et al., 2009). The tibial component was found to 

rotate much earlier under force control, which caused cross-shear to occur under the full 

compressive load of the third peak load (i.e. 800–2400 N during 25–45% of gait). In contrast, the 

displacement controlled samples went into internal rotation at a later stage of the stance phase 

(after the third peak force), and compression was reduced to swing phase loads. These differences 

in cross-shear and contact mechanics likely resulted in the higher volumetric wear.  

If the current wear simulations were run under force control, the accuracy of following the 

intendent profiles would have been more impacted in KSpn, likely due to the stiffness of the 

stations and variation in control of air supply. KSpn also suffered from an apparent lag phase 

during tibial rotation (Section 3.4.1), which under force control, may be more apparent and result 
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in changes to cross-shear motion. This will have likely had a significant impact on the measured 

wear rates, under the varying implant and simulator conditions. Therefore, to answer the aims of 

the wear based studies, the use of displacement control was deemed the more appropriate option 

to determine differences in volumetric wear. 

To conclude, under the patient mechanics, the reduced ROM in the sagittal and transverse planes 

of the TAR compared to the recommended input profiles. This would likely result in lower wear 

rates compared to the ones measured in each of the simulator based studies within this thesis and 

from earlier literature. The international standard (ISO 22622:2019) would therefore need to be 

updated to replicate TAR patient-specific data, as it currently produces greater kinematic motion, 

particularly during FE, than the ROM evident in patients implanted with a TAR. It should be 

noted that the mean patient profile is generated from only a small sample size (n = 6), so caution 

must be taken when extrapolating to the larger patient population implanted with the same 

device. A larger patient population, which consider a greater range of activities, is required to 

fully determine the gait mechanics. The outputs of this should be used as simulator inputs, in 

order to truly determine TAR wear behaviour. Furthermore, there was large variability found in 

each of the surgical intervention cohorts in Chapter 5, particularly in the BOX® ankle patient 

group. This variability should be considered in future wear simulation studies, through the 

combination of ‘normal’ and ‘adverse’ loading and kinematic conditions.  

6.1.4 Target Product Profile for Future Wear Simulator Studies 

A Target Product Profile (TPP), also commonly referred to as a Quality Target Product Profile, 

summarises the necessary characteristics of an innovative product to address an unmet clinical 

need (Cocco et al., 2020). TPPs represent the concept of ‘beginning with the goal in mind’, which 

establish the key features and performance specifications in advance to ensure that the new device 

meets the specific clinical requirement. TPPs should be seen as ‘living’ documents and can be 

updated as further relevant information becomes available (Cocco et al., 2020). Through the 

development and implementation of the wear simulator and gait based studies in this project, a 

TPP has been developed for future mechanical wear simulations of TAR (Table 29). The TPP 

contains the key features and the minimum acceptable/ideal results required to determine the 

wear of the chosen implant design. The ideal (future testing) mechanical simulator parameters 

are discussed in further in Section 6.4.  
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Table 29. A Target Product Profile for future wear simulations of a TAR. 

 

 

 

 

Key Features Minimum Acceptable  Ideal (Future Testing) 

Intended 
Function 

Joint wear simulator developed to simulate the loads and motions of ankle joint to 
determine the tribological behaviour of a TAR in vivo  

Target 
Population 

Patients implanted with a TAR 

Target User Bioengineers 

Target User 
Setting 

University and Industry Medical Laboratories 

Simulator Type 
Electromechanical or AMTI 
Multi-axis wear-testing 
machines 

The development of an ankle specific wear 
simulator, without having to run the implants 
inverted 

Simulator 
Format 

Displacement or Force 
controlled 

Force controlled simulation used to mimic the 
soft tissues surrounding the AJC, driven through 
musculoskeletal or computational models based 
from patient specific data. This method also 
allows to control AP and ML forces. 

Test Specimen Selected FB or MB implant design (consisting of the tibial, talar and meniscal insert) 

Degrees of 
Freedom 
Controlled 

4 
6. More research is required around the simulation 
of inversion/eversion, to truly mimic 
pronation/supination of the ankle 

Simulator 
Duration 

5 Mc 
10 Mc or more, to demonstrate the long-term 
tribological behaviour of the tested implant 

Number of 
Samples/Statio
ns 

6 
12, which would account for a repeat of selected 
study 

Calibration  After every 5 Mc 
After each Mc, to ensure correct following and 
motions produced by each station 

Sample 
Alignment 

Microset applied to the 
metallic surfaces to verify 
central alignment of the device 

Microset to determine initial alignment. Tekscan 
sensor to determine contact forces at stages 
throughout the gait cycle (input profile) to 
measure contact pressure for different alignments 

Simulator Input 
Profiles 

ISO 22622:2019 

Patient (implant) specific data and contact loads 
driven from gait analysis large datasets and 
musculoskeletal models (based from the gait data). 
Inputs should also be developed for both normal 
and adverse conditions 

Activity Profiles Overground Walking 
ADLs (e.g. stair climbing, uneven walking), which 
are run in a singular profile, to better mimic the 
day-to-day of a patient 

Soak Controls Loaded or unloaded Loaded is the preferred option 

Testing 
Lubricant 

Bovine or new-born calf 
serum 

Synovial fluid or lubricant which better replicates 
the natural lubricant and does not suffer from 
precipitation effects 

pH Levels Routine monitoring of the pH of the fluid test medium should be undertaken 

Temperature 
Temperature control system, capable of maintaining the temperature of the fluid 
test medium at 37 °C ± 2 °C 

Reproducibility  
Simulator output profiles should remain within ± 5% of the desired input profile 
throughout the gait cycle 

Data Output 
Volumetric wear: gravimetric  
Topographical assessment: 
contacting 

Volumetric wear: μCT or CMM 
Topographical assessment: non-contacting (areal 
surface topographical parameters) 
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6.2 Limitations 

This thesis has presented a thorough investigation into the biomechanical and wear performance 

of a MB TAR. There are however, a number of limitations that must be considered when 

examining the results from the simulator and gait based studies. This section also discusses 

alternative techniques which could have been employed and the reasoning behind the 

methodologies of choice for the studies in question. 

6.2.1 Pre-clinical Wear Simulation 

6.2.1.1 Simulator  

There was not a universal ankle specific wear simulator available on the market. Therefore, in 

order to compare against previous TAR wear studies, all experiments were performed in two 

types of commercially available mechanical wear knee simulators. The tibial components were 

cemented into a metallic tibial fixture, which has also been used in previous TKR wear simulator 

studies (McEwen et al., 2015; Brockett et al., 2016). However, the components of the MB TAR 

had to be inverted to allow the IER profile to be applied to the tibial component, while the 

flexion profile was applied about the constant radius of the talar component. Although this is a 

standard procedure in previous displacement controlled TAR simulations (Affatato et al., 2013; 

Bell and Fisher 2007; Smyth et al., 2017), the inverted position of the devices may have had an 

influence on implant biomechanics. 

Inverting the natural or replaced hip joint with respect to the anatomical position, is an accepted 

methodology in friction (Groves et al., 2017) and wear simulation (Affatato et al., 2008) studies. 

Hip implants oriented in the inverted position have been demonstrated to distribute test lubricant 

more evenly during motion, while subsequently reducing the temperature at the bearing surface 

(Affatato et al., 2008). Conversely, this effect may cause a slower rate of protein denaturisation 

and a reduction in precipitation, causing increased wear rate as a result of a smaller protein film 

(Lu and McKellop, 1997). This has also been linked to entrapped wear debris within the taper 

connection of a hip replacement (Wight et al., 2021). These concerns were less relevant in the 

simulated TAR, due to the mobile nature of the bearing surfaces of the selected device design.  

During the implant size study, there were issues with controlling the airflow and tuning of the 

pneumatic system on KSpn over the prolonged simulation period. This also resulted in an 

apparent lag phase across all six stations in the loading, rotation and displacement output profiles. 

This difference between the UoL input and output loading and kinematic profiles were not 

apparent in the individual wear rates for stations after the initial run-in wear stage. There were 

also no noticeable changes in the visual damage modes at the implant articulating surfaces. The 

simulator was checked a number of times every day and was always corrected (PID tuning) within 

24 hours to minimise the ongoing issue. Despite the improved ability to tune the output loads 

and kinematics under displacement control, it was also found that KSem was unable to remain 
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within the maximum output tolerances of both the UoL and ISO 22622:2019 input profiles. This 

finding was particularly apparent for AP displacement, with both simulator designs over-shooting 

the maximum anterior displacement input value. However, Smyth et al. (2017) demonstrated that 

increasing AP displacement did not have an effect on overall wear rate of a MB TAR and the 

studies from this thesis also suggested the same 

6.2.1.2 Experimental Protocol 

Implant and simulator parameter studies were carried out using one design of MB TARs. The 

influence of the varying testing conditions may affect other TAR designs differently. Again, 

caution must be taken when comparing wear rates between different studies which use a variety 

of experimental conditions and implant designs. Both implant parameter wear simulations were 

also run for a period of 5Mc, which is the recommended simulator duration as per ISO 

22622:2019. However, previous pedometer measurements have revealed that active knee 

replacement patients walked 3.5 times the number of steps per day, compared to simulator 

recommended durations (Schmalzried et al., 1998). TAR patients will undergo a wider range of 

loads and motions during a variety of ADLs, when compared to the cyclic walking motion which 

is simulated. Therefore, future simulations should be carried out over a longer testing duration 

under a variety of loads, kinematics and ADLs (Section 6.4).  

At the end of each Mc, samples were moved between stations to account for the effect of inter-

station variability. There was a potential that one station within each simulator used could have 

caused higher wear, but this was consistently disproven and no definitive pattern was discovered 

for wear across the six stations. This finding could have led to subsequent studies of this project 

abandoning the idea of moving samples between stations. Moving samples between stations may 

have also caused an increased risk of component malalignment, particularly with the frequency 

(every Mc). Malalignment is known to have a significant negative effect on contact mechanics, 

causing a loss of joint congruency, reduction of contact area, increased focal stresses, edge loading 

and potential risk of dislocation and polyethylene cracking (Usuelli et al., 2017). This risk was 

heightened within the implant size study, through having to adjust stations between different 

sized samples. However, this confounding factor was reduced with the use of a Microset 

(Microset 101 FF, Microset Products Ltd, UK) to ensure continued alignment throughout the 

wear studies.  

There were reported differences between stations in terms of kinematic following, particularly in 

KSpn (Section 3.4.1). This was likely due to the requirement to control the airflow and tuning 

(PID control parameters) between stations. Despite controlling these factors, some of the 

stations of KSpn remained stiffer and were unable to fully reproduce the desired loading and 

kinematic input conditions. The moving of components acted as a precaution of this effect 

having an influence on mean wear rates. More importantly, the wear studies set out to determine 

variation within condition changes instead of specific samples. Therefore, by moving samples 
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across each station, this limited the impact of the specific simulator stations instead of 

confounding it.  

Digital images of the inserts at completion of the implant size study were obtained and manual 

tracing of the superior insert imprint on the tibial bearing surface was performed to calculate the 

percentage of the contact wear area on ImageJ software. A similar method was used by Brockett 

et al. (2012) who calculated the wear scar area as a percentage of the overall superior insert surface 

of a TKR using Image Pro Plus (Media Cybernetics, USA) software. This was performed to 

acknowledge that both implant sizes have comparable contact wear area during the simulated 

walking conditions. There are more advanced methodologies available to calculate the contact 

area including pressure sensors, such as Tekscan (Boston, USA), which have been used to 

measure the contact pressures and area in both natural tissue and joint replacements under static 

and dynamic loading conditions (Wilharm et al., 2013; Bedi et al., 2013; Wang et al., 2014). 

However, this type of pressure sensor can only be used at a flat bearing interface, which the 

BOX® ankle does not possess. The sensors are also highly sensitive to increased loads and adding 

a layer in between the bearing surfaces, could have effected implant wear rate.  

The lubricant used was 25% bovine serum, diluted with 0.04% sodium azide solution to retard 

bacterial growth. This is the most commonly used protein lubricant concentration in artificial 

joint studies (Wang et al., 2004; Galvin et al., 2007) and has been found to provide clinically 

relevant wear rates and wear debris (Wang et al., 1996a; Bigsby et al. 1997; Besong et al. 1999). A 

hip simulator study comparing the influence of distilled water and bovine serum on conventional 

UHMWPE wear found that the use of bovine serum resulted in wear particles of a similar size 

to those found in vivo (Wang et al. 1996a). There was also no evidence of a transfer film on the 

femoral head, which follows a similar pattern on retrieval hip implants (Wang et al. 1996a). 

However, when distilled water was used, there were significantly larger wear particles and a 

transfer film on the femoral heads, which have been found on hip explants (Couto et al., 2020).  

Bovine serum degrades over time and needs to be changed regularly. During a serum change, 

there is a possibility that the wear particles were removed from the testing environment. 

Replacing the lubricant is critical for in vitro studies to maintain the protein content. However, 

the main issue surrounding this lubricant choice is the raised levels of precipitated proteins (Lu 

and McKellop, 1997; Liao et al., 2003). The increase in proteins can cause a significant drop in 

wear rate due to the denaturalisation and remaining insoluble proteins that form an un-

physiological protective layer at the bearing surface (Ghosh et al., 2015). The protein 

concentration within the test lubricant did contain a similar volume found in the natural joint 

capsule (Saari et al., 1993) (Appendix D) and the bearing surfaces visually presented comparable 

UHMWPE adhesive wear and other damage modes to previously simulated (Smyth et al., 2017) 

and retrieved TAR cohorts.  
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The lubricant temperature was not measured during each of the wear simulations. The constant 

articulation of the bearing surfaces, combined with the enclosed capsule where the serum is 

contained, likely caused temperatures to be higher than room temperature. Increased 

temperatures have also been found to cause higher wear rates in metal-on-UHMWPE hips 

(Tateiwa et al., 2006) and knees (Cowie et al., 2019) in protein rich bovine serum. This finding 

may be due to the effect of excessive precipitation, which causes the gradual depletion of the 

soluble proteins within the lubricant and effects their ability to promote boundary lubrication at 

the bearing surface (Lu and McKellop, 1997). This may lead to accelerated adhesive wear and 

subsequently increased implant wear rate. A previous wear test of TARs at the UoL determined 

the average capsule temperature of bovine serum to be approximately 30°C, through the use of 

a calibrated thermocouple (Smyth et al., 2017). This was significantly lower than the 

recommended lubricant temperature of 37° ± 2 °C in ISO 22622:2019, which is reflective of core 

body temperature. However, Palmieri et al. (2006) measured the natural ankle surface 

temperature to be 29.6 ± 3.0°C compared to the core temperature of 36.4 ± 1.4°C. This suggests 

that performing TAR wear simulations at room temperature was deemed appropriate, in order 

to maintain serum temperature similar to that of in vivo.  

A final limitation with the experimental protocol was that each of the simulator studies performed 

had a sample size of five or six, which may lessen the effectiveness and power of the study. 

Caution must be taken when extrapolating the data from each simulator study to demonstrate 

the wear behaviour MB implants. However, the samples used in the study were machined within 

specific tolerances for both the metallic and polyethylene components, resulting in reduced 

variance compared to natural bearing wear simulations, which would require much greater 

samples to confirm potential meaningful findings. It should be noted that the number of samples 

selected in the simulator studies were comparable to the previously published literature (ranging 

from 3-6), which were used to determine differences in wear rates between varying implant 

materials (Kincaid et al., 2013; Bischoff et al., 2015; Schipper et al., 2018) and kinematic 

conditions (Bell and Fisher, 2007; Smyth et al., 2017). The pneumatic and electromechanical 

simulators were also limited to six stations, meaning that the maximum number of samples were 

used in each of the simulator based studies.  

ISO 22622:2019 recommends a minimum of three test specimens to represent the wear of a 

specific implant design, so the studies reported in this thesis comply well with the standard. It is 

also important to consider that the effects of implant and simulator parameters were performing 

using a single design of MB TAR, and the influence of the varying conditions may differ with 

difference TAR designs. Therefore, future work is required to verify the findings on the specific 

TAR design selected in this thesis, as well as using the same methodological approach on other 

implant designs, to allow for comparison of implant wear rates and topographical changes.  
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6.2.1.3 Gravimetric Wear Assessment  

The study relied on the gravimetric assessment for quantifying volumetric wear, which is the 

most commonly used method to determine wear loss in artificial joint simulations (Shen et al., 

2019). UHMWPE is a porous structure, which will readily absorb the lubricant surrounding it 

during simulation, which in turn, increases the mass of the measured components. The effect of 

serum absorption was accounted for through the use of unloaded soak controls for each 

simulation study. Due to the availability from the manufacturer, the accelerated artificially aged 

and simulator parameter study conditions only had one unloaded control, while the implant size 

study had two for each size. This may have posed an issue due to the variability in fluid uptake 

of the conventional UHMWPE, which are susceptible to temperature as a result of fluid 

absorption. Before each insert was weighed, they went through a standard cleaning and drying 

process, which also helped eliminate the influence of fluid uptake and contamination at the 

bearing surfaces (Aurora et al., 2006; Hu et al., 2014). However, the embedded particles and 

protein layers produced during motion may be removed in the cleaning processes (Shen et al., 

2019). 

The unloaded controls were placed in the simulator alongside the test samples to maintain 

consistent experimental conditions. However, as the inserts were not placed under load, this 

method may not have fully accounted for fluid uptake. Early studies reported that conventional 

UHMWPE pins placed under dynamic loading possessed significantly higher fluid uptake 

compared to those soaked under static and no loads (Schwenke et al., 2006). This has also been 

reported in knee replacements, with the mean correction from loaded soak controls measuring 

1.65 ± 0.88 mg/Mc compared to the lower correction of 0.89 ± 0.85 mg/Mc for the unloaded 

soak controls (Haider, 2016). Conversely, both cases resulted in an increased net wear rate from 

the apparent gravimetric measurements, with significance of these volumes being dependent on 

the wear rate of the knee replacement samples themselves (Haider, 2016). The large variability 

associated in the loading output profiles produced in KSpn would have affected loaded control 

samples significantly, causing greater variation between the samples compared to unloaded 

samples.  

Differences in applied load of as little as 6%, has previously been found to cause a significant 

change in fluid uptake of loaded conventional UHWMPE liners (Yao et al., 2001). Smaller loads 

between stations may have increased the volume of fluid being pumped into the liners over each 

cycle, affecting wear measurements. As the process of correcting for fluid absorption for the 

unloaded soak control inserts was constant across the simulation studies, this method was 

considered to be reliable enough to compare between implant and parameter conditions. Another 

limitation with gravimetric measurements is the potential presence of embedded metallic particles 

within the polyethylene components. These particles may cause an increase in mass of the 

polyethylene inserts, resulting in an inaccurate evaluation of the wear volume.  
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A final limitation associated with gravimetric assessment is the assumption in the volumetric wear 

calculation of the polyethylene density. The material density of the specific device used in this 

study (BOX® ankle) was unobtainable, therefore a UHMWPE density of 935.5 kg/m³, which 

was in the middle of the density recommended in ISO 5834-2:2019 was selected. This was also 

the same value used by Smyth et al. (2017) in a previous wear simulator study on another third 

generation MB device. The volumetric wear calculation also assumed that the density of the 

conventional UHMWPE remained uniformly distributed, which is unlikely to be the case. In 

newer designs, such as vitamin E infused UHMWPE used in the Rebalance® (Zimmer-Biomet, 

Indiana, USA), the material density will be different to that of known characteristics of 

conventional UHMWPE. This has triggered the development of other volumetric measurements 

to determine implant wear. 

Coordinate Measuring Machines (CMM) offers the opportunity for calculating linear and 

volumetric wear, wear scar distribution and creep for individual components through the use of 

a contact probing (Kop and Swarts, 2007; Blunt et al., 2008). The probe takes sequential co-

ordinates across the entire surface of an implants bearing surface, with the denser the population 

of points, the increased accuracy of the wear scar being characterised (Bills et al., 2005). Unlike 

gravimetric assessments, this method is not affected by the fluid absorption of the polyethylene 

inserts. This technique has successfully been used to measure the volumetric wear of THR (Bills 

et al., 2012; Uddin et al., 2016; Hua and Li, 2020) and TKR (Muratoglu et al., 2003; Bills et al., 

2005; Blunt et al., 2008). However, only one study to date has used this method, but was used to 

compare surface deviations and damage modes of three explanted BOX® ankle bearing inserts 

(Affatato et al., 2009). The linear penetration of the superior insert surface was between 0.025 to 

0.091 mm compared to a computational model of the same component (Affatato et al., 2009). 

Another technique which has grown interest in the last decade in the measurement of volumetric 

wear is micro computed tomography (μCT). This method had been used in earlier studies focused 

on meniscal inserts of TKR (Teeter et al., 2011a; Teeter et al., 2014). Teeter et al. (2011a) 

compared unworn TKR inserts using gravimetric and μCT to determine volumetric wear loss. 

The study demonstrated no statistical significant difference between the two measurement 

methods (0.04%). This technique has also been used on acetabular liners in THR (Teeter et al., 

2010; Affatato et al., 2017), spinal disks replacements (Vicars et al., 2009) and glenoid 

components of total shoulder replacements (Day et al., 2012).  

The main advantage of both methods is the ability to measure the actual density of the 

polyethylene component (Teeter et al., 2017), which gravimetric assessments used in this study 

could only estimate. μCT analysis also provides spatial information of volumetric wear loss, 

which can be related to component alignment and specific locations where damage modes were 

identified. Conversely, gravimetric analysis can only measure non-specific volume loss of the 

selected component. However, μCT has not yet been used to measure volumetric changes in 



220 

 

TAR. Since gravimetric analysis relies on a reference measurement, it is not possible to use this 

technique when examining the wear of retrieved samples. This is an important factor, as analysing 

the wear of retrieved devices (which have not failed) is required to fully determine if the simulator 

generated wear rates are comparable to what is seen clinically. However, no study to date has 

determined the volumetric wear of ex vivo TARs. Future analysis of both in vitro and retrieved 

implants could benefit from using both these techniques over gravimetric measurements, to 

provide quantitative measures of volumetric wear. Nevertheless, each technique is not without 

limitations.  

The clamping and probing forces during CMM measurements may induce deformations to the 

polyethylene components of joint replacements, which may not be visible when comparing the 

volumetric wear with and without reference (Jiang et al., 2018). This needs to be accounted for 

as an uncertain contribution, similar to the effect of contacting profilometry when assessing 

topographical changes (Section 6.2.1.4). Spinelli et al. (2009) also found that CMM measurements 

tended to overestimate the volumetric wear compared to gravimetric assessments, which 

highlighted the significance of the choice of the “time scale for creep evaluation”. 

When measuring using μCT, metal artefacts may be present in certain TAR models. The 

polyethylene component of the STARTM (Stryker) contains radiopaque markers used to identify 

liner displacement or fracture (Lin et al., 2022). This may create erroneous data points within the 

μCT imaging, which would require post-processing and may be difficult to remove. In an ideal 

situation, the radiopaque markers would be removed before measurements would be taken, but 

this may result in damaging the bearing insert. This may not have been an issue in the device used 

in this project, but would possibly limited the comparison of volumetric wear between implant 

designs using this technique. The use of μCT technology is known to be highly dependent on the 

resolution selected (Teeter et al., 2011a) and requires a threshold to be determined for volumetric 

analysis (Jiang et al., 2018). It has previously been reported that μCT caused an increased 

measured volumetric wear compared to gravimetric analysis (Jiang et al., 2018), which was related 

to errors in thresholding and in the scanner, causing a reduced intensity of the image (Kinzel et 

al., 2004). The measurement time cost for both CMM and μCT is considerably longer than 

gravimetric analysis, which can take up to 40-90 minutes per scan (Jiang et al., 2018). 

The significant limitation with both techniques is the requirement to define the pre-worn 

reference surface, in order to determine volumetric material loss (Vicars et al., 2009). This may 

be in the form of computational models or in this projects case, the pre-worn samples from the 

in vitro simulator studies of the same component. This may not represent the geometrical 

differences produced during the manufacturing process as there can be variances in geometry of 

new unused UHMWPE bearing inserts of different manufacturing lots and design tolerances 

(Teeter et al., 2013). Average manufacturing variance of six TKR inserts has been found to be as 

much as 15 ± 59 μm (Teeter et al., 2011b).  
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THR possess spherical femoral heads and acetabulum cups that have a defined radius within a 

defined tolerance. This allows the original reference pre-worn surface to be estimated relatively 

easily (Lord et al., 2015). In the fully conforming MB device used in the studies, the inferior and 

superior surfaces are both articulating with the metallic surfaces, meaning that there is no unworn 

datum on the surface to compare pre-and post-simulation measurements. The polyethylene 

inserts will have also undergone creep deformation, which are known to attain a steady-state after 

one Mc (Estok et al., 2005). Another issue with using this technique with TAR, is their free form 

geometry, which means that the implants have no rotational symmetry. TAR components possess 

multiple radii in both anterior/posterior and medial/lateral directions, with multiple centres of 

rotation. This results in a reduction in reference planes, increasing the difficulty to calibrate the 

process (Charlton and Blunt, 2008). All of these issues associated with both techniques mean that 

determining reference surfaces for use in assessing non-homogenous groups of TAR is not easily 

achieved.  

It should noted that all previous TAR simulator based studies relied on gravimetric measurements 

to determine volumetric loss (Affatato et al. 2007; Bell et al. 2007; Postak et al. 2008; Bischoff et 

al. 2015; Reinders et al. 2015b; Smyth et al., 2017; Schipper et al., 2018). Therefore, by using the 

same method, it allowed for a more reliable comparison between wear based studies. The study 

also ensured that the combination of volumetric wear, surface topography and damage mode 

visualisation were included, to better understand the tribological behaviour of a MB implant. 

6.2.1.4 Surface Topographic Assessment  

Surface roughness parameters were measured at the beginning (0 Mc) and end (3-5 Mc) of each 

wear simulation study. This allowed for the determination of substantial roughness changes at 

the bearing surface at the two measurement points. Without the time constraints on the project, 

roughness measurements would have been taken after every Mc to determine the change in 

surface topography throughout the testing duration. This would have been particularly of interest 

between 0-1 Mc, as this signifies the run-in wear phase of the implants, where higher wear rates 

were observed compared to steady-state (1-5 Mc). An increased number of measurement points 

would have improved the limited understanding of topographical changes of a MB device and 

future work should consider this moving forward. 

A contacting profilometer was used to measure surface topographical changes at each of the 

articulating surfaces of the MB device. This contacting method is the most commonly used 

technique in the ankle literature (Bell and Fisher, 2007; Smyth et al., 2017). The two previous 

studies only measured surface roughness (Ra), which cannot be used to fully define topography 

of a surface (Leach, 2010). This is because the same roughness value can represent surfaces with 

substantially different surface profiles, which will likely have varying skewed distribution and 

impact on implant wear. Therefore, the current wear studies considered a number of 

topographical parameters, including skewness (Rsk) and kurtosis (Rku), which provided a 
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measure of the shape of the profile and indication of valleys in the surface for lubricant retention, 

respectively. However, both these measurements are less mathematically stable than the other 

roughness parameters used in this study. They use 3rd and 4th order differentiations in defining 

equations, which can result in errors in the calculation of these parameters and may also be the 

reason for the wider CL and variability between results.  

With the use of a contacting stylus profilometer, there are limitations associated with the damage 

that is caused to the polyethylene bearing surfaces (De Groot, 2017). Despite only millinewton 

forces travelling through the diamond stylus, these forces are concentrated at the tip diameter, 

which generated enough contact stresses that caused fine scratching, perpendicular to the 

measurement surface (Leach and Hart, 2002). This was different to the multidirectional 

scratching observed at the bearing surfaces and in the opposite direction to AP related linear 

scratching seen on the talar components. This meant that the minor damage was not mistaken in 

damage mode comparison between bearing surfaces under different simulator conditions. A 

further limitation of the contacting stylus methodology was the potential for the tip to ‘lift-off’ 

as it moves across the surface as a result of the scanning velocity being too high (Pawlus and 

Śmieszek, 2005; Mathia et al., 2011). To counteract act this, a slow trace speed of 0.5 mm/s was 

used for each bearing surface material and had previously been used in TAR research with no 

reports of ‘lift-off’ occurring on the bearing surfaces (Smyth et al., 2017). The conical shape of 

the stylus tip may have also prevented the tip from being able to distinguish the peaks or troths 

accurately and there is always an element of smoothing of the measurement data that occurs (De 

Groot, 2017). 

The major assumption with this contacting method is that the entire surface topography of the 

bearing surface was assumed to be the same as the five representative traces that were measured. 

This is an unrealistic assumption for a component that has undergone damage. The roughness 

parameters calculated from the single line traces are also highly dependent on the direction and 

orientation of the sweep. One way to reduce this sampling error and provide an improved 

approximation of the overall surface roughness of the bearing surfaces would be to map the 

entire surface using digital stitching of the measurement results. However, this technique was not 

possible with the technology available for use within this thesis.  

Optical profilometer (microscope based) techniques have been developed to measure areal 

surface roughness parameters. This method used interferometry to construct or destruct 

superposition of light waves between the reference beam and a second beam, which is reflected 

from the bearing surface being studied (Hocken et al., 2005). This technique has the advantage 

of higher acquisition speed, improved resolution and removes the risk of surface damage, which 

is associated with the stylus instrument (De Groot, 2017). The non-contact Infinite Focus 

microscope (Alicona, Austria) was only used in the simulator based studies to determine the 

damage modes on the superior insert bearing surface. This technique could have been used to 
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determine the roughness parameters across the whole bearing surface, as well as specific areas 

where the greatest signs of damage modes were imaged, providing an improved discretisation of 

the data. Previous studies have used this technique to measure wear characteristics of retrieved 

(Liza et al., 2011) and wear simulated (Holland et al., 2018) TKR inserts, with the latter suggesting 

that both wear simulated and retrieved implants display similar characteristics of surface 

topography across the bearing surface. However, there are still limitations with this technique 

which limits its use in joint replacement, but particularly for TAR.  

Quantitative light microscopes have been found to overestimate surface roughness parameters, 

primarily due to the diffraction and dispersion effect, which causes variances between the surface 

height measurements (Lehmann et al., 2014). The polyethylene bearing surfaces are opaque and 

have limited reflectively, which causes material absorption and results in reduced quality of signal 

obtained. The metallic surfaces are highly reflective, making it difficult to focus on certain areas 

on the surface and the production of large bright spots of missing scanned data due to dispersion 

of the light. This makes it challenging to measure roughness of joint replacement bearing surfaces. 

Optical metrology techniques are also limited by the ability to accurately measure curved surfaces 

(Gao et al., 2008). The InfiniteFocus microscope used in the wear simulator studies could 

measure surface height information for slopes up to 20°. This would have been sufficient to 

characterise the superior bearing insert surface, but would have failed to measure the inferior 

bearing insert surface as the curves are too steep for this non-contacting profilometer to measure.  

A final limitation of non-contact techniques is the high computing power to process data 

generated from larger surface areas (De Groot, 2017). The lowest available microscope lens (10x 

magnification) was used to image the full superior insert surface, but to improve the roughness 

measurements which could of be obtained, a higher resolution (20-50x magnification) should be 

used. However, would mean that the scanning time would substantially increase and would still 

involve the stitching of multiple datasets. This was not feasible in the current project timescale. 

Therefore, despite the limitations of the stylus based measurements in this study, until vast 

improvements are made in optical methods, this methodology will remain the researcher choice 

for determining implant surface roughness parameters. 

Regardless of the associated limitations within the wear simulator studies, the methodology 

developed in the similar based studies provided a good approximation for the clinical wear rates 

of the MB device, under a range of implant and simulator conditions. Such estimations can be 

used to predict the risk associated with wear mediated osteolysis and subsequent adverse immune 

reactions, leading to the loosening of the implant and early failure.  
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6.2.2 Gait Analysis  

6.2.2.1 Participant Population 

The sample size used in this study contained 21 patients separated into three patient cohorts (9 

AA; 6 mixed TAR; and 6 BOX® ankle). This relatively small sample mirrors most gait studies 

comparing AA and TAR, which range between 5 and 17 participants per group (Piriou et al., 

2008; Hahn et al., 2012; Flavin et al., 2013; Singer et al., 2013; Seo et al., 2017; Segal et al., 2018; 

Sanders et al., 2021). The small sample size may therefore represent groups of unique individual 

results, rather than a closely assembled group which all acted in a comparable manner. Each of 

the patient groups were self-selected, which was most apparent in the mixed TAR cohort. This 

patient cohort was made up of three different implant designs (4 = Rebalance®; 1 = Mobility®; 

1 = INFINITY®), which questions the information gained from analysis of samples of n = 1. It 

should be noted that this group was used as a comparator against the BOX® ankle and a much 

larger population is required to truly determine the gait mechanics of these three implant types. 

The study was limited by the volume of TAR patients available at both research sites, particularly 

during the COVID-19 pandemic, which also resulted in the small sample sizes. In the ideal 

situation, the gait study would have used a comparison TAR cohort implanted with the same 

device.  

The small sample sizes led to large variability among the patient populations in most of the 

outcome measures of interest, particularly in the BOX® ankle cohort. This suggests that the 

surgical intervention is patient dependent and impacts the recipient in varying ways. This was 

also supported by the large variance in PROMs information. Thus, caution must be taken when 

extrapolating results, as they may not be representative of larger patient populations. These 

reasons also why this study explored trends between the patient cohorts and highlighted the areas 

of differences that warrant further explanation and investigation. Larger scale studies, which are 

appropriately powered, would identify further improvements in surgical interventions more 

accurately.  

The BOX® ankle patient cohort was even more limited by the number of patients that met the 

inclusion criteria, coupled with patients being unable to participate in the study due to COVID-

19 restrictions. A number of the patients who took part in the study were also implanted with 

either a hip or knee replacement, which is likely one reason for the large variability within and 

between patient cohorts. However, removing patients from the study that had received other 

lower limb joint replacements would mean result in study did not representing the true patient 

population.  

Within the gait study, there was no inclusion of a healthy control group, to examine the 

differences between surgical interventions and healthy participants. Instead, the aim was to 

compare how each patient cohort’s gait mechanics differed at an intermediate implantation 

period. Whilst the study could have compared this data to the results from the pilot study 
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(Appendix G), which used the same experimental protocol, this participant population were not 

age or weight matched. This would likely have led to a high volume of significant differences in 

gait outcomes. Preoperative gait analysis was also not included in this study. The presence of a 

pre-operative would have provided information on the pre-existing gait differences between the 

patient cohorts and to what extent the surgical intervention had on patient biomechanics during 

overground walking. However, pre-operative data in these patient populations would present gait 

deficiencies associated with end-stage ankle OA, which has been reported in the previous 

literature and out the scope of this project (Valderrabano et al., 2007; Horisberger et al., 2009) 

Additionally, the significant time constraints on the project did not allow for pre-operative patient 

data to be collected. The exclusion criteria also restricted patients being included within one-year 

post-surgery. These patient populations were likely to still be affected by the surgical procedure, 

which could mask the true biomechanical ability, which can be measured in patients at an 

intermediate follow-up.  

The non-randomisation of the allotted treatment option is another limitation. However, 

randomisation was not ethically possible in the patients within this study, since the surgical 

intervention was chosen based on the recommended indications and surgeon choice, combined 

with the fact this was a retrospective study. The absence of randomisation may bias the functional 

outcome and gait parameter results when comparing between patient cohorts. The study did not 

aim to compare the superiority of each surgical option over the other, rather the purpose was to 

understand the effect on adjacent and proximal joint gait mechanics after treatments. The 

findings of the study should be used to drive a larger RCT, which would enable the discovery of 

smaller significant differences between treatment options.  

6.2.2.2 Data Collection 

The first limitation associated with the data collection method was the inability of the IOR foot 

model to separately segment the subtalar joint. Fluoroscopic assessment, used to measure joint 

motion, was unavailable at both research sites, while bone-pin based models were unethical to 

use in the patient populations. Due to the highly invasive nature of bone-pin markers, skin-

mounted markers were placed to represent the underlying anatomical bony landmarks of the 

segment of interest. Marker locations can be detected with sub-millimetre accuracy (Topley and 

Richards, 2020; Cunningham and Brooks, 2022) and were used to determine the location and 

orientation of the lower limb body segments, in order to calculate joint position and angles 

(Miranda et al., 2013). However, the relative motion between a marker and its corresponding 

bone represents an artefact, commonly referred to as a STA (Cappozzo et al., 1997; Camomilla 

et al., 2017).  

STAs are regarded as the most critical source of error in human motion analyses, affecting the 

accuracy of the derived kinematic measurements (Leardini et al., 2005). STAs are influenced by 

the presence of skin viscoelasticity, muscle contractions, and shifting of subcutaneous masses 
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(Leardini et al., 2005). This can lead to errors in the estimation of joint centres, marker location, 

skeletal segment positioning and joint kinematics (Arndt et al., 2004; C. Nester et al., 2007). A 

previous study found joint centre translational and rotational errors as high as 0.3 mm and 0.44°, 

respectively (Miranda et al., 2011). 

As the distances between markers of the foot are small, any form of displacement can result in 

relatively large angular errors compared to markers spaced further apart (Schallig et al., 2021b). 

Previous literature has demonstrated that STAs of foot markers are variable across participants 

and marker location, but have a greater potential to significantly influence measured kinematics 

(Reinschmidt et al., 1997; Tranberg and Karlsson, 1998; Okita et al., 2009; Chen et al., 2011; Birch 

and Deschamps, 2011; Schallig et al., 2021b). STA has been reported to cause angular errors to 

be as much as 2.45°, 3.57° and 4.28° in dorsi-/plantarflexion, inversion/eversion and IER angles, 

respectively (Kessler et al., 2019). It should be considered however, that STA will have affected 

each patient cohort kinematics similarly, allowing for comparative analysis. The study also filtered 

the kinematic data, which has been proven to help reduce some of the associated soft tissue error 

(Peters et al., 2010). However, without using bone mounted markers, this error cannot be 

eliminated (Benoit et al., 2006) and STA will continue to limit studies using marker-based 

methods.  

There is a rapidly growing interest in the use of markerless motion capture, which utilises standard 

video and deep learning-based software to record and identify movement without markers (Wade 

et al., 2022). This process removes the errors associated with STA, which are inherent in marker-

based methods, as well as decreasing data collection and processing time (Moro et al., 2022). 

Furthermore, markerless methods enable clinicians to collect data while patients are wearing their 

normal clothing, instead of patients being ask to wear tight-fitting clothing, which may influence 

their gait (Wade et al., 2022). This could allow systems to be set up in a patients’ home setting or 

communal areas in care homes, facilitating data collection of an increased number of patients in 

one day, in an environment less likely to alter their gait (Robles-García et al., 2015). However, 

markerless motion capture has not been taken up by the majority of the biomechanical industry, 

primarily due to inaccuracy surrounding the detection of joint centre locations (Harsted et al., 

2019) and the fact that it requires greater understanding of computational and programming 

algorithms. 

The potential error associated with STA affected the lower limb angle, moment and power data, 

but was reduced through accurate marker placement by a single evaluator. Consistent and 

accurate marker positioning is critical to obtaining reliable and meaningful joint kinematics (Della 

Croce et al., 2005), particularly in MFM, where repeatability between evaluators and days is 

primarily subject to variability of marker placement (Carson et al., 2001). This variability has been 

reported to be around 5 mm, with outliers up to 13 mm between evaluators (Bishop et al., 2013; 

Deschamps et al., 2014). More recently, marker placement sensitivity for the IOR foot model 
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was determined in a range of foot sizes (Schallig et al., 2021a). The authors found that the most 

sensitive value (calculated through linear regressions) occurred at the base of the second 

metatarsal and that foot size had a small effect on 40% of sensitivity values (Schallig et al., 2021a). 

Other studies have demonstrated that the IOR foot model is highly repeatable, with a variability 

of approximately 2-3° offsets across walking trials (Caravaggi et al., 2011; Deschamps et al., 

2012a; Mahaffey et al., 2013). Therefore, the current study used a single evaluator with 5 years’ 

experience in gait analysis of the lower limb to measure all patient populations.  

All overground walking trials were performed under barefoot conditions. In the elderly 

population (65+), which the majority of the patients within the study were, approximately 20-

30% habitually walk barefoot or in socks within their homes (Bates et al., 1999), due to reasons 

of convenience and comfort (Menant et al., 2008). Most of the other activities the patients would 

perform outside of their home will involve the use of footwear. There have been a number of 

studies that have compared the effect of barefoot and shod conditions on gait mechanics, with 

the former being associated with decreased walking speed (Moreno-Hernández et al., 2010), 

stride length (Lythgo et al., 2009), and hip and knee joint moments (Keenan et al., 2011), while 

increasing cadence (Wolf et al., 2008), knee flexion (Zhang et al., 2013) and ankle plantarflexion 

angles (Oeffinger et al., 1999). The above changes in gait mechanics coincide with a more cautious 

gait and suggests that walking barefoot is associated with a greater balance threat than shod 

conditions (Tsai and Lin, 2013). This means that the differences observed in the gait study may 

be different when patients wear their own footwear.  

Studies that have previously examined the influence of footwear on foot and lower limb function 

either introduce an unfamiliar footwear to participants, or compares the foot functions of 

participants with different footwear use history, with both study types likely causing alterations 

to patient gait patterns. The barefoot condition also removes the influence of cushioning in 

footwear, which has been associated with having the greatest influence on knee and foot 

kinematics (Zhang et al., 2013), which may have masked the differences between the patient 

cohorts.  

Another reason for the study being performed in barefoot was that there would have been certain 

movement of the foot within any shod condition selected, thus questionable as to whether 

retroreflective markers positioned on the shoe directly, provide comparable results to those 

markers placed on the foot itself. Modifying the shoes, via cutting holes directly into the shoe 

itself, may have allowed the exact positioning of the markers onto the patients skin (Sinclair et 

al., 2013). Cutting holes into the footwear in order to directly attach markers to the skin would 

compromise the structural integrity of the upper material of the footwear, resulting in changes to 

the properties of the footwear. This method has previously been used to examine the effect of 

footwear on MFM kinematics (Shultz et al., 2011; Bishop et al., 2013), with the optimum size of 

material removed without disrupting footwear integrity to be 25 mm. However, these 
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modifications mean that the footwear used in the earlier studies are not representative of sports 

trainers, work or office footwear. Further research is required investigate the effect of MFM in a 

range of footwear types. Another limitation to cutting holes in the shoe is that the position of 

these holes may change between participants, therefore not measuring the correct anatomical 

positions.  

A significant drawback with marker-based motion capture used in the study, was the requirement 

of a controlled environment which the patient groups had to attend, in order to collect reliable 

3D data (Buckley et al., 2019). There is a potential that the patients altered their usual gait patterns 

due to having markers placed on their body, alongside their awareness of being under observation 

(Robles-García et al., 2015). However, the patients were given plenty of time to adjust to the 

motion capture facility and a number of practice trials were performed before any data was 

collected. 

6.2.2.3 Data Analysis 

Due to the relatively small sample sizes in all three patient cohorts, only descriptive statistics in 

the form of mean and CL of peak and ROM parameters were determined for all three planes of 

motion. Other studies of similar cohort sizes have used multiple parametric and non-parametric 

tests, with additional adjustments in the form of post-hoc corrections, to determine significant 

differences between the chosen parameters. However, the number of biomechanical parameters 

compared in this study would result in the need for an inappropriately large number of post-hoc 

corrections, which would result in interpretation error and increased likelihood of a false positive 

result. Therefore, the results of some of the previous comparison gait studies, which performed 

multiple tests, should be treated with caution. Further studies are required to validate the post-

operative exploratory findings in larger patient populations. These should focus on hypothesis 

driven studies, which limit adjustments and testing.  

6.3 Overall Conclusions  

The aim of this research was to use experimental simulation and gait analysis methodologies to 

further understand the biomechanical (in vivo) and wear (in vitro) behaviour of a MB TAR. This 

aim and the subsequent research objectives have been realised through the presentation of the 

results and discussions in the preceding chapters of this thesis. This work has contributed to the 

growing body of knowledge within the field of TAR, with the following set of conclusions 

providing insights from the results of the studies performed. 

6.3.1 Wear Effects of Implant Parameters 

 Under the same loading and motion conditions, the mean wear rates, contact wear area and 

topographical changes were unaffected by the different implant sizes, which may be of 

interest during intra-operative selection of an implant for varying patient anatomies 
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 There was a positive indication in which the accelerated artificial ageing process caused 

increased wear rate compared to non-aged implants during the steady-state phase. However, 

none of the conventional UHMWPE inserts were found to fracture or present signs of 

structural failure 

 The wear rates from the MB device, independent of implant sizes and artificial ageing, 

seemed to be comparable to previous TAR wear studies using conventional UHMWPE 

under displacement control 

 The simulation produced certain wear damage modes that were similar to those observed in 

retrieved prostheses, with abrasive wear, burnishing and multi-directional scratching being 

the pre-dominant wear mechanisms 

6.3.2 Wear Effects of Simulator Parameters 

 In the simulator type study, discrepancies were found in the ability of each of the simulator 

designs to follow the UoL gait input profiles, with KSem appearing to produce more 

comparable loading and kinematic outputs, when compared to KSpn. However the 

differences in loading magnitudes and kinematic outputs appeared to have no significant 

effect on the measured wear rates between simulator types 

 Assessment of the topographical and visual damage changes tended to support the findings 

that both simulator designs yielded comparable wear results under the same experimental 

conditions and simulator input profiles 

 Despite the comparable wear and topographical results, the use of KSem is preferable in 

future pre-clinical simulations, due to the improved capability of replicating varying input 

profiles, which will be more important when assessing different ADLs and input conditions 

 The change in loading and kinematic input profiles to the recommended ISO 22622:2019 

after 3 Mc under UoL conditions, were not sufficient to significantly change the tribological 

conditions of the MB TAR 

 There is a great need for further investigation using the latest ISO 22622:2019 input profiles 

and experimental conditions to enhance the understanding of implant wear, which will allow 

for direct comparison between wear studies with more controlled comparable parameters 

 The wear rates produced from both simulator parameter conditions were comparable to the 

TAR wear literature, while some of the observed damage modes were similar to previously 

simulated and retrieval MB devices 

6.3.3 Biomechanical Effects of Ankle Arthrodesis and Total Ankle Replacement 

 Despite the small PROMs, spatiotemporal and functional differences between the patient 

cohorts at an intermediate follow-up, the trends in increased hindfoot motion and peak ankle 

joint power in TAR patients indicates that this surgical intervention may be favoured for 
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treating end-stage arthritic patients. A much larger, powered study must be performed to 

truly determine the biomechanical differences reported in this study 

 The MB implant (BOX® ankle) used in both wear simulator studies tended to show 

improved sagittal and frontal plane hindfoot motion compared to AA patients, which was 

likely a result of the ligament conserving design of the device  

 Hypermobility of the midfoot and forefoot segments found in the AA patients may act as a 

compensatory mechanism to the reduced motion at the fused AJC, which could result in 

subsequent arthritic conditions and further requirement for surgery, but larger patient 

cohorts are required to confirm the gait differences in this study 

 The gait outcomes from this study demonstrated that alterations in foot inter-segment angles 

are not limited to the operated ankle joint, but also affect the distally located foot joints. This 

finding has further highlighted the clinical significance of MFM when evaluating the 

functional outcomes of AA and TAR patient populations and should be considered by 

surgeons when selecting which treatment option to implant 

 SFM seemed to overestimate the ROM in the sagittal and frontal planes of motion when 

compared to the MFM hindfoot segment within the three patient cohorts 

 The substantially higher peak generated power at the hip joint found in the TAR cohort 

suggested that these patient populations were able to retain improved functioning of the 

surrounding soft tissues, which likely aided patient ability to perform the overground walking 

trials. However, there were minor differences in proximal joint kinematics between the 

patient cohorts 

 Both peak and ROM values in all three planes of motion were relatively comparable between 

patients implanted with different TAR designs, suggesting no substantial advantage of one 

TAR design over another  

 The sagittal ROM for dorsi-/plantarflexion of the hindfoot, which was used to measure the 

ankle joint, was considerably lower in the BOX® ankle cohort compared to the 

recommended FE input profile used by both Smyth et al. (2017) and ISO 22622:2019. 

Hindfoot motion in the transverse plane was also lower in the BOX® ankle cohort than the 

recommended simulator input profiles for tibial rotation (ankle IER at the tibial component) 

 The reduced ROM produced by the BOX® ankle cohort, when compared to the ISO 

22622:2019 recommended input profiles, would likely result in lower wear rates, independent 

of implant and simulator parameters. Further research using patient population data is 

required to truly understand the biomechanical and wear performance of a TAR 

6.4 Directions of Future Research 

This thesis has made several noteworthy contributions to understanding the biomechanical and 

wear behaviour of a MB device. However, the results from this thesis have raised additional 

research questions, for which additional investigation would be beneficial. There is some 
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difficulty in drawing potential meaningful conclusions from previous simulator studies due to the 

varying experimental conditions, simulator designs, and kinematic input profiles.  

This thesis introduced the use of the recently developed ISO accredited displacement wear 

standard (ISO 22622:2019). This set of universal experimental and input conditions will allow 

more compare wear rates between different research institutions and testing laboratories. 

However, the loading and kinematic profiles were derived from a panel of experts in the field, 

which use an idealised smooth curve from average input profiles taken from dated literature from 

healthy participant information. Thus, it is questionable how relative the profiles are to a patient 

implanted with a TAR. Future studies should not just rely on the recommended by ISO 

22622:2019 input profiles, but rather use them as guidelines to find the ideal input profiles. The 

gait study (Chapter 5) demonstrated variation in kinematic outcomes across the gait cycle for 

different TAR designs and to the simulator input profiles used (UoL and ISO 22622:2019). This 

emphasises the need to run clinically relevant simulations through using patient loading and 

kinematic outputs.  

The wear simulator studies from this thesis produced wear rates ranging from 9.59 ± 3.02 to 

17.18 ± 5.46 mm3/Mc, which are similar to previous displacement controlled TAR testing on 

conventional UHMWPE (3.4 ± 10.0 to 25.8 ± 3.1 mm3/Mc) (Affatato et al., 2007; Bell and 

Fisher, 2007; Smyth et al., 2017). However, the both the studies from this thesis and previously 

published work used loading and kinematic profiles driven from healthy individuals. Therefore, 

it cannot be claimed that the wear rates produced are clinically relevant and this remains unknown 

from the current literature. Future studies are needed to develop a wear simulation under loading 

and kinematic profiles driven from TAR patients using gait analysis techniques. This would then 

allow for clinically relevant wear rates to be produced for specific implant designs or patient 

populations, instead of relying on a ‘one profile fits all’ approach, which is currently 

recommended in ISO 22622:2019 input profiles.  

Future studies should include the presence of third-body wear particles, produced from cortical 

bone, cement (in FB designs) or metallic/hydroxyapatite coatings. All three of third-body debris 

have been associated with an implants increased risk of early onset of wear-mediated osteolysis 

(van Wijngaarden et al., 2015; Schipper et al., 2017; Najefi et al., 2021; Kim et al., 2021). This 

would allow for researchers to determine the influence of third-body wear mechanisms in TAR. 

Another limitation of the ISO 22622:2019 testing standard is that is assumes the peak AL, which 

aims to mimic the contact forces at the AJC, to be only 2365.7 N. Even the peak AL found in 

the UoL is marginally higher at 3150 N, approximately 4.5 times BW of a 70kg individual (Smyth 

et al., 2017). Although the simulator input study found no significant difference in wear rates 

between both profiles, a larger AL may have resulted in a different outcome. The BOX® ankle 

cohort had an average weight (± 95% CL) of 79.60 ± 11.22 kg, which equates to an AL of 3903.05 
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N to 5464.27 N (5-7 times BW) during the stance phase of walking. Therefore, it is essential that 

future studies also consider an individual’s BMI when developing patient specific wear 

simulations to truly determine clinically relevant TAR wear rates. 

Patients undergoing surgical interventions for end-stage ankle OA are typically younger and more 

active than patients suffering with hip or knee OA (Saltzman et al., 2005; Thien et al., 2014), 

meaning that the demands being placed on the implants are greater. Future pre-clinical 

evaluations should further reflect the wider range of conditions experienced during daily life, as 

opposed to placing reliance on the latest ISO 22622:2019 input profiles, based on data collected 

during walking from healthy individuals. Wear simulations should be also run for an increased 

number of cycles to simulate the longer life expectancy of newer generation of implants, 

alongside increased frequency of different activities these patients will perform with their implant 

device. Furthermore, wear simulator capabilities are constantly improving, enabling researchers 

to simulate a variety of ADL’s and to test conditions beyond standard overground walking. In 

the last decade there has been a number of publications which have simulated ADLs including: 

stair ascent; stair descent; jogging; sit-to-stand from a chair; and cycling (Schwiesau et al., 2013a; 

Wimmer et al., 2015; Reinders et al., 2015a; Abdel-Jaber et al., 2016). However, no published 

studies have examined the influence of different ADLs on TAR wear.  

Future work is therefore require to collect a variety of ADLs using the similar gait analysis 

techniques discussed in this thesis, as well as implementing them into a wear simulator for longer 

testing durations, in order to fully determine the tribological behaviour of a TAR for the lifetime 

of the device. Preferably, the developed ADLs for TAR would include programmed sequential 

stages, to simulate an entire typical day living for the patient population, based from data collected 

from the patients when performing each motor task. These simulations should also be combined 

with strenuous and rest periods, to further mimic the motion and loading that occurs in vivo. The 

inclusion of resting periods during level walking has been found to increase wear rates in hip 

replacement patients (Hadley et al., 2013), although this effect caused no significant difference 

for knee replacement patients (Kretzer et al., 2009). The exploitation of these complete protocols 

would further refine pre-clinical wear evaluations to improve the understanding of in vivo 

tribological phenomena of TAR.  

Current simulators may be limited by the capacity of the machine and would have to be physically 

reconfigured (if possible) to run the deleterious loading and kinematic patterns from real world 

ADL data. The simulator is limited to 128 data points, with the gait cycle being interpolated into 

the simulator inputs. During ADLs with greater ROM or more complex motion paths, this may 

come as a problem, particularly when going from one maximum to minimum loads or kinematics 

in a short period of time. This problem was seen during the simulated overground walking trials 

in the current project, with both simulator types under or overshooting the load or kinematics 

desired input values. Overtime, this would likely have an influence on simulated wear rates, or 
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during deleterious motions of varying ADLs, an increased risk of dislocation of device, 

particularly with the small bearing surface of a TAR. In a previous study simulating the influence 

of different ADLs on a TKR, the simulator produced a smaller peak AL compared to the desired 

input values (ISO 14243-3:2014) during the squat motor task (Abdel-Jaber et al., 2016). The 

authors concluded that the reason for the simulator to underload the implants was due to the 

wide ranges of FE and AP translations, which required high hydraulics absorption in the 

simulator circuits and valves. Therefore, the development of mechanical simulators which will be 

able to perform these loads and motion for variety of ADLs is essential. The development of 

such methods will be crucial in the ongoing development of TAR, and in enhancing clinical 

performance, through understanding the envelope of TAR performance.  

Experimental wear testing is also associated with high costs, limited accessibility to a simulator 

and is time consuming, due to the large number of low frequency gait cycles that are required to 

be run (Knight et al., 2007). For each implant or simulator parameter study run in this project, it 

took up to 4 months to obtain data for six samples. This means it would take up to nearly a year 

to generate comparative data under the same testing conditions. This would be even longer when 

attempting to simulate real world ADLs over the lifetime of the device. The limitations associated 

with mechanical simulations to run more adverse or complex motions has led researchers to turn 

their attention to computational alternatives. This technique has been extensively used for pre-

clinical simulation of TKR (Barbour et al., 1995; Fregly et al., 2005; Abdelgaied et al., 2014; 

Brockett et al., 2016), but remains limited to TAR. The computational wear prediction of a TKR 

using a finite element analysis technique demonstrated good agreement between predicted and 

experimentally wear rates, with 0.94 coefficient of determination of the computational model 

(Abdelgaied et al., 2018). The in silico model could also be used to explain the differences in 

experimental wear trends through cross-shear, contact area and contact stress distributions 

between different kinematics throughout the gait cycle (Abdelgaied et al., 2018).  

In silico wear modelling provides researchers options to explore a broader envelope of load and 

kinematic conditions, while being able to run multiple and parallel simulations to validate key 

findings, which are missed during physical simulation. This technique can be used to simulate 

hypothetical scenarios which do not appear in published datasets, while measuring the effect of 

adverse conditions such as edge loading, surgical differences and malalignment, which would be 

difficult to run in current mechanical simulators. Computational models of TAR would allow the 

researcher to pinpoint the crucial loading and kinematic conditions, which would help to develop 

a more comprehensive physical simulation to measure wear of joint replacements. This technique 

lets the user focus on the sensitivity of the outcomes, in order to correct inputs used to drive the 

computational model. This cannot be achieved in a mechanical simulator and would also help 

better design future physical simulators.  
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With the increased pressures on manufacturers from the Medical Device Regulation (EU) 

2017/745 to demonstrate the long-term safety and performance of their medical devices, in silico 

modelling is of greater significance, as its speeds up the process of getting this required data than 

mechanical simulations. However, further development of computational models are required to 

be able to fully predict the changes found experimentally, such as plastic deformation of 

polyethylene material and the contribution of lubrication and its effect of the lubrication regime 

during motion. It is clear that the future of pre-clinical simulation requires the combination of 

computational and mechanical simulation to predict in vivo wear behaviour in TAR. These tests 

can help a manufacturer optimise and improve different designs before large-scale manufacturing 

and implantation, as well as adhering to regulatory requirements. 

Future studies should look to incorporate in vivo loads and motion waveforms in TAR for varying 

ADLs. Real world hip contact forces measured through instrumented implants are different to 

the loading profiles of ISO 14242-1:2014, during overground walking (Bergmann et al., 2016) 

and when performing ADL’s (Fabry et al., 2013). However, this technique is inherently invasive 

and only a relatively small number of patients have been implanted with an instrumented 

prosthesis. Therefore, the data may not represent the larger population. A recent standard guide 

for TKR loading profiles has been developed (ASTM F3141), which includes in vivo data for a 

number of ADLs obtained from Orthoload studies performed at the Julius Wolff Institute, 

Charite Universitatsmedizin Berlin. Musculoskeletal modelling provides an alternative technique 

in regard to the estimation of non-invasive joint contact forces and kinematics, providing a better 

representation of loading variability observed in the wider patient population (Zhang et al., 2015; 

De Pieri et al., 2018; Weinhandl and Bennett, 2019; Lunn et al., 2020). This method has recently 

been passed through a wear model of a hip replacement, which was developed in Matlab® for 

the prediction of volumetric and linear wear rates (Mattei et al., 2021). However, further 

development of an advanced musculoskeletal foot model is required in order to better predict 

TAR wear behaviour. Larger gait studies, which measure a range of ADLs and different patient 

characteristics (e.g. BMI) should be conducted, which can be used as inputs to the simulator.  

Alongside the use of musculoskeletal modelling for TAR specific contact forces, the development 

of more complex virtual soft tissue simulations under force control, will improve the simulated 

effect of ligamentous and soft tissue restrain structures on implant kinematics. These 

computationally predicted kinematics could then be used as displacement control inputs. This 

would be particularly important when developing specific implant design or size inputs. In a force 

controlled simulation, these soft tissue structures can also be inputted through the force and 

torque actuators of the simulator, and the ligaments can be orientated in 3D. To further improve 

the mechanical simulation of the soft tissues acting on the AJC, AMTI multi-axial wear-testing 

machines should be used. This type of mechanical simulator was not available for the current 

project and provides improved force control functionality though the virtual soft tissue control, 
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which uses an advanced software model to mimic the constraining influence of the soft tissues 

surrounding joints. This would allow an improved simulation of the ankle to fully replicate the 

natural physical environment.  

The gait based study is one of the only studies to directly compare the kinematic differences of 

AA and TAR procedures on the joints distal to the ankle. Recent studies have begun to develop 

MFM kinetic models alongside the kinematic models, to provide additional information regarding 

the overall biomechanical functioning in the AJC and distal foot joints (Deschamps et al., 2017; 

Eerdekens et al., 2020a; Eerdekens et al., 2020b). A greater number of validation studies are 

required for this methodology to be adopted by the wider research community. Moreover, future 

work should combine both kinetic and kinematics at a comparable intermediate to long-term 

follow-up post-surgery to fully establish the compensatory mechanisms occurring in the adjacent 

joints of the foot.  

The gait comparison study was limited by the sample size in each patient cohort. To be confident 

in the gait outcomes presented, larger scale studies with increased patient populations in the form 

of a RCT, are required to validate the findings from this thesis. In addition, a larger RCT would 

further determine smaller significant differences between the patient groups. These RCT should 

also begin to compare variation in kinematics across the whole time-series and not just the peak 

values. This can be achieved through one-dimensional statistical parametric mapping to 

determine differences between surgical interventions (Pataky, 2010). This technique also permits 

hypothesis testing and vector kinematic trajectory to be included, with random corrections 

concurrently accounting for temporal correlation and vector covariance (Pataky et al., 2013).  

Due to the constraints of PhD sponsorship, the simulator studies only used one MB TAR design. 

With the recent market trend in the UK favouring towards FB designs, adapting the experimental 

protocol for these implant designs, under the same conditions and input profiles, would allow 

improved wear and topographical comparisons between the two design options. With the 

improvements in optical (non-contact) measurements, future studies may also transition away 

from contacting stylus methodologies to analyse surface wear of the bearing surfaces in TAR. 

This would allow measurements to be performed quickly and accurately, while removing the risk 

of damaging the components. However, these techniques need to overcome their inability to 

accurately measure more curved surfaces, as seen on the device of choice in this study.  

Despite the limitations associated with gravimetric assessment, this has been the preferred 

methodology for measuring TAR wear in the previous TAR literature and hence the reason for 

this being used in the simulator studies for more comparable results. Future studies could benefit 

from using CMM or μCT to quantity volumetric wear, which both remove the assumption of 

UHMWPE density. However, these techniques are not without limitations, as discussed in 

Section 6.2. The simulator studies also demonstrated that under each parameter change, certain 
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wear damage modes were comparable to the collection of retrieved MB devices. The comparison 

to the volumetric wear of retrieved implants, which cannot be assessed using gravimetric 

methods, is essential for the continued development of TAR. Further investigation into retrieved 

devices will provide a platform to understand other failure mechanisms, with potential wear 

patterns associated with TAR being identified. This will help the further development of suitable 

adverse device conditions to be run on the mechanical simulators, to replicate failure conditions 

and ultimately improve patient outcomes. The combined advancements in gait analysis 

modelling, pre-clinical wear simulation and retrieval comparison will ultimately improve the 

clinical outcome of patients implanted with a TAR. 
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APPENDIX A: ENGINEERING DRAWINGS 

 

A.1 ProSim Pneumatic Knee Simulator (KSpn) Medium Sized Delrin Fixture 
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A.2 ProSim Pneumatic Knee Simulator (KSpn) Extra Small Sized Delrin 

Fixture 
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A.3 ProSim Electromechanical Knee Simulator (KSem) Small Sized Delrin 

Fixture 
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APPENDIX B 
 

EXAMPLE SIMULATOR 

CALIBRATION REPORT (STATION 1) 

 

 

 

 

 

 

 

 

 

 

 

 

 



296 

 

APPENDIX B: EXAMPLE SIMULATOR CALIBRATION 

REPORT (STATION 1) 

B.1 Axial Force  
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B.2 Anterior-Posterior Force  

 

 

 

 

B.3 Medial-Lateral Force  

 

 

 

 

B.4 Tibial Rotation Torque Calibration Report For Station 1 
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B.5 Flexion-Extension Torque (+)  

 

 
 

 

B.6 Flexion-Extension Torque (-)  
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B.7 Abduction-Adduction Torque (+) 

 

 

 

 

B.8 Abduction-Adduction Torque (-)  
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B.9 Anterior-Posterior Displacement 

 

 

 

 

 

 

 



301 

 

 

 

 

 

 

 

 

 

 

 

 

APPENDIX C 
 

SIMULATOR CALIBRATION RECORD 
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APPENDIX C: SIMULATOR CALIBRATION RECORD 

C.1 Calibration Record for ProSim Pneumatic Knee Simulator (KSpn) – 

Implant Size Study (Test 1) 
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C.2 Calibration Record for ProSim Pneumatic Knee Simulator (KSpn) – 

Implant Size Study (Test 2)  
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C.3 Calibration Record for ProSim Electromechanical Knee Simulator (KSem) 

– Simulator Type and ISO Standard Studies 
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C.4 Calibration Record for ProSim Electromechanical Knee Simulator (KSem) 

– Accelerated Artificially Aged Study 
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SERUM CERTIFICATE OF ANALYSIS 
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APPENDIX D: SERUM CERTIFICATE OF ANALYSIS 

D.1 Serum Protein Concentration for the Implant Size Study (Test 1) 
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D.2 Serum Protein Concentration for the Implant Size (Test 2), Simulator Type 

and ISO Standard Studies 
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D.3 Serum Protein Concentration for the Accelerated Artificially Aged Study 
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APPENDIX E: SURFACE TOPOGRAPHIC MEASUREMENTS 

FOR EACH WEAR SIMULATOR STUDY 

 

E.1 Implant Size  

Table 30. Mean (± 95% CL) average surface roughness (Ra) measurements for each articulating 
surface of the medium (M) and extra small (XS) sized implants alongside the percentage change 
between the measurement stages (n = 6 for each implant size). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
within the same implant size (p ≤ 0.05). 

 

Table 31. Mean (± 95% CL) maximum profile peak heights (Rp) measurements for each 
articulating surface of the medium (M) and extra small (XS) sized implants alongside the 
percentage change between the measurement stages (n = 6 for each implant size). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
within the same implant size (p ≤ 0.05). 

 

 
Ra (μm) 

Pre-Test 5 Mc 

 Medial Central Lateral Medial Central Lateral 

M 

Talar 0.08 ± 0.01 0.05 ± 0.01 0.08 ± 0.01 
0.09 ± 0.05 
(12.50%) 

0.10 ± 0.05* 

(100.00%) 

0.11 ± 0.04 
(37.50%) 

Inferior 
Insert 

1.41 ± 0.39 1.26 ± 0.41 1.44 ± 0.37 
0.68 ± 0.11* 

(-51.77%) 

0.56 ± 0.28* 

(-55.56%) 

0.84 ± 0.09* 

(-41.67%) 

Superior 
Insert 

1.38 ± 0.79  
0.11 ± 0.19* 

(-92.03%) 
 

Tibial 0.01 ± 0.01  
0.03 ± 0.02* 

(200.00%) 
 

XS 

Talar 0.08 ± 0.01 0.04 ± 0.02 0.09 ± 0.01 
0.12 ± 0.14* 

(50.00%) 

0.08 ± 0.06 
(100.00%) 

0.14 ± 0.07 
(55.56%) 

Inferior 
Insert 

1.27 ± 0.51 1.15 ± 0.46 1.36 ± 0.54 
0.77 ± 0.13* 

(-39.37%) 

0.32 ± 0.19* 

(-72.17%) 

0.69 ± 0.22* 

(-49.26%) 

Superior 
Insert 

1.43 ± 0.37  
0.16 ± 0.05 
(-88.81%) 

 

Tibial 0.02 ± 0.02  
0.04 ± 0.01* 

(100.00%) 
 

 
Rp (μm) 

Pre-Test 5 Mc 

 Medial Central Lateral Medial Central Lateral 

M 

Talar 0.08 ± 0.02 0.09 ± 0.02 0.09 ± 0.01 
0.15 ± 0.10 
(87.50%) 

0.21 ± 0.11* 

(133.33%) 

0.18 ± 0.11 
(100.00%) 

Inferior 
Insert 

3.55 ± 1.15 3.46 ± 1.19 3.68 ± 0.91 
1.37 ± 0.36* 

(-61.41%) 

1.36 ± 0.80* 

(-60.69%) 

1.44 ± 0.35* 

(-60.89%) 

Superior 
Insert 

3.57 ± 2.13  
0.30 ± 0.43* 

(-91.60%) 
 

Tibial 0.06 ± 0.06  
0.08 ± 0.03 
(33.33%) 

 

XS 

Talar 0.09 ± 0.02 0.10 ± 0.02 0.10 ± 0.01 
0.17 ± 0.18 
(88.89%) 

0.19 ± 0.15 
(90.00%) 

0.21 ± 0.17 
(110.00%) 

Inferior 
Insert 

2.97 ± 1.19 3.11 ± 1.27 3.25 ± 1.31 
1.04 ± 0.47* 

(-64.98%) 

0.75 ± 0.44* 

(-75.88%) 

1.30 ± 0.32* 

(-60.00%) 

Superior 
Insert 

3.86 ± 1.08  
0.41 ± 0.14* 

(-89.38%) 
 

Tibial 0.06 ± 0.08  
0.09 ± 0.03* 

(50.00%) 
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Table 32. Mean (± 95% CL) maximum profile valley depth (Rv) measurements for each 
articulating surface of the medium (M) and extra small (XS) sized implants alongside the 
percentage change between the measurement stages (n = 6 for each implant size). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
within the same implant size (p ≤ 0.05). 

 

 Table 33. Mean (± 95% CL) surface skewness (Rsk) measurements for each articulating surface 
of the medium (M) and extra small (XS) sized implants alongside the percentage change between 
the measurement stages (n = 6 for each implant size). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
within the same implant size (p ≤ 0.05). 

 

 

 

 

 

 
Rv (μm) 

Pre-Test 5 Mc 

 Medial Central Lateral Medial Central Lateral 

M 

Talar 0.12 ± 0.02 0.11 ± 0.01 0.11 ± 0.02 
0.24 ± 0.15 
(100.00%) 

0.29 ± 0.17* 
(163.64%) 

0.31 ± 0.22 
(181.82%) 

Inferior 
Insert 

2.85 ± 1.03 2.80 ± 0.89 3.04 ± 1.01 
1.49 ± 0.38* 
(-47.72%) 

1.46 ± 0.74* 
(-47.86%) 

1.75 ± 0.29* 
(-42.43%) 

Superior 
Insert 

3.07 ± 1.63  
0.37 ± 0.47* 
(-87.95%) 

 

Tibial 0.05 ± 0.03  
0.10 ± 0.04* 
(100.00%) 

 

XS 

Talar 0.13 ± 0.03 0.13 ± 0.03 0.11 ± 0.01 
0.23 ± 0.24 
(76.92%) 

0.29 ± 0.23 
(123.08%) 

0.32 ± 0.29 
(190.91%) 

Inferior 
Insert 

2.41 ± 0.96 2.53 ± 1.05 2.71 ± 1.09 
1.21 ± 0.60* 
(-49.79%) 

0.97 ± 0.51* 
(-61.66%) 

1.20 ± 0.65* 
(-55.72%) 

Superior 
Insert 

3.33 ± 0.85  
0.49 ± 0.18* 
(-85.29%) 

 

Tibial 0.05 ± 0.07  
0.11 ± 0.03* 

(120.00%) 
 

 
Rsk (μm) 

Pre-Test 5 Mc 

 Medial Central Lateral Medial Central Lateral 

M 

Talar 0.23 ± 0.24 -0.50 ± 0.23 0.02 ± 0.46 
-0.88 ± 0.88* 

(-482.61%) 

-1.43 ± 0.91* 

(-186.00%) 

-1.31 ± 1.34 
(6650.00%) 

Inferior 
Insert 

0.17 ± 0.08 0.15 ± 0.07 0.14 ± 0.09 
-0.24 ± 0.15* 

(-241.18%) 

-0.19 ± 0.15* 

(-226.67%) 

-0.14 ± 0.35* 

(-200.00%) 

Superior 
Insert 

0.06 ± 0.25  
-0.66 ± 0.44* 

(-1200.00%) 
 

Tibial 0.19 ± 4.30  
-1.48 ± 0.97* 

(-878.95%) 
 

XS 

Talar 0.23 ± 0.09 -0.31 ± 0.36 0.28 ± 0.22 
-0.40 ± 0.88 
(-273.91%) 

-2.03 ± 1.03* 

(-554.84%) 

-0.88 ± 1.15 
(-414.29%) 

Inferior 
Insert 

0.14 ± 0.10 0.10 ± 0.13 0.10 ± 0.10 
-0.31 ± 0.08* 

(-321.43%) 

-0.26 ± 0.17* 

(360.00%) 

-0.30 ± 0.41* 

(-400.00%) 

Superior 
Insert 

0.09 ± 0.13  
-0.19 ± 0.75* 

(-311.11%) 
 

Tibial 0.39 ± 3.88  
-0.99 ± 0.86 
(-353.85%) 
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Table 34. Mean (± 95% CL) surface kurtosis (Rku) measurements for each articulating surface 
of the medium (M) and extra small (XS) sized implants alongside the percentage change between 
the measurement stages (n = 6 for each implant size). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
within the same implant size (p ≤ 0.05). 

 

E.2 Accelerated Artificial Ageing 

Table 35. Mean (± 95% CL) average surface roughness (Ra) measurements for each articulating 
surface of the small sized artificially aged implants alongside the percentage change between the 
measurement stages (n = 5). 

*Indicates statistically significant difference between topographic measurements (p ≤ 0.05). 

 

Table 36. Mean (± 95% CL) maximum profile peak heights (Rp) measurements for each 
articulating surface of the small sized artificially aged implants alongside the percentage change 
between the measurement stages (n = 5). 

*Indicates statistically significant difference between topographic measurements (p ≤ 0.05). 

 
Rku (μm) 

Pre-Test 5 Mc 

 Medial Central Lateral Medial Central Lateral 

M 

Talar 4.08 ± 1.28 5.47 ± 2.27 4.08 ± 0.31 
11.63 ± 6.99* 

(185.05%) 

18.22 ± 5.52* 

(233.09%) 

16.87 ± 8.62* 

(313.48%) 

Inferior 
Insert 

2.54 ± 0.14 2.50 ± 0.14 2.73 ± 0.18 
4.59 ± 2.57 
(80.71%) 

4.15 ± 0.94* 

(66.00%) 

4.64 ± 2.26 
(69.96%) 

Superior 
Insert 

2.46 ± 0.31  
9.71 ± 4.47* 

(294.72%) 
 

Tibial 13.04 ± 8.15  
25.10 ± 4.46* 

(92.48%) 
 

XS 

Talar 3.20 ± 0.97 6.15 ± 1.40 3.00 ± 1.48 
7.24 ± 4.63 
(126.25%) 

17.28 ± 8.20* 

(180.98%) 

10.05 ± 4.27* 

(235.00%) 

Inferior 
Insert 

2.59 ± 1.04 2.42 ± 0.97 2.61 ± 1.05 
3.46 ± 0.81* 

(33.59%) 

5.10 ± 1.75* 

(110.74%) 

3.91 ± 1.91 
(49.81%) 

Superior 
Insert 

2.49 ± 0.33  
9.13 ± 2.39* 

(266.67%) 
 

Tibial 10.23 ± 17.93  
27.97 ± 4.39* 

(173.41%) 
 

Ra (μm) 
Pre-Test 5 Mc 

Medial Central Lateral Medial Central Lateral 

Talar 0.06 ± 0.01 0.03 ± 0.00 0.05 ± 0.00 
0.08 ± 0.01* 

(33.33%) 

0.03 ± 0.01 
(0.00%) 

0.06 ± 0.01 
(20.00%) 

Inferior 
Insert 

1.26 ± 0.08 1.21 ± 0.10 1.37 ± 0.11 
0.50 ± 0.01* 

(-60.32%) 

0.46 ± 0.17* 

(-61.98%) 

0.59 ± 0.16* 

(-56.93%) 

Superior 
Insert 

1.45 ± 0.11 
 0.10 ± 0.02* 

(-93.10%) 
 

Tibial 0.01 ± 0.00 
 0.03 ± 0.01* 

(200.00%) 
 

Rp (μm) 
Pre-Test 5 Mc 

Medial Central Lateral Medial Central Lateral 

Talar 0.09 ± 0.01 0.08 ± 0.01 0.09 ± 0.01 
0.11 ± 0.04 
(22.22%) 

0.09 ± 0.04 
(12.50%) 

0.06 ± 0.01 
(-33.33%) 

Inferior 
Insert 

3.47 ± 0.19 2.67 ± 0.25 3.57 ± 0.21 
0.87 ± 0.08* 

(-74.93%) 

1.24 ± 0.42* 

(-53.56%) 

0.99 ± 0.51* 

(-72.27%) 

Superior 
Insert 

3.72 ± 0.23 
 0.31 ± 0.10* 

(-91.67%) 
 

Tibial 0.07 ± 0.01 
 0.09 ± 0.02* 

(28.57%) 
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Table 37. Mean (± 95% CL) maximum profile valley depth (Rv) measurements for each 
articulating surface of the small sized artificially aged implants alongside the percentage change 
between the measurement stages (n = 5). 

*Indicates statistically significant difference between topographic measurements (p ≤ 0.05). 

 

Table 38. Mean (± 95% CL) surface skewness (Rsk) measurements for each articulating surface 
of the small sized artificially aged implants alongside the percentage change between the 
measurement stages (n = 5). 

*Indicates statistically significant difference between topographic measurements (p ≤ 0.05). 

 

Table 39. Mean (± 95% CL) surface kurtosis (Rku) measurements for each articulating surface 
of the small sized artificially aged implants alongside the percentage change between the 
measurement stages (n = 5). 

*Indicates statistically significant difference between topographic measurements (p ≤ 0.05). 

 

 

 

 

 

 

Rv (μm) 
Pre-Test 5 Mc 

Medial Central Lateral Medial Central Lateral 

Talar 0.07 ± 0.00 0.05 ± 0.02 0.06 ± 0.01 
0.13 ± 0.07 
(85.71%) 

0.08 ± 0.05 
(60.00%) 

0.13 ± 0.05* 

(116.67%) 

Inferior Insert 3.04 ± 0.16 2.37 ± 0.22 3.24 ± 0.17 
1.14 ± 0.13* 

(-62.50%) 

1.70 ± 0.91* 

(-28.27%) 

1.22 ± 0.36* 

(-62.35%) 

Superior Insert 3.23 ± 0.32 
 0.33 ± 0.03* 

(-89.78%) 
 

Tibial 0.05 ± 0.01 
 0.11 ± 0.03* 

(120.00%) 
 

Rsk (μm) 
Pre-Test 5 Mc 

Medial Central Lateral Medial Central Lateral 

Talar 0.34 ± 0.14 0.28 ± 0.39 0.11 ± 0.20 
-0.41 ± 0.95 
(-220.59%) 

-0.73 ± 0.79* 

(-360.71%) 

-1.01 ± 1.43 
(-1018.18%) 

Inferior 
Insert 

0.14 ± 0.08 0.13 ± 0.08 0.09 ± 0.04 
-0.21 ± 0.49 
(-250.00%) 

-1.03 ± 0.89* 

(-892.31%) 

-0.04 ± 0.09* 

(-144.44%) 

Superior 
Insert 

0.13 ± 0.15 
 -0.21 ± 1.58 

(-261.54%) 
 

Tibial -0.20 ± 1.71 
 -2.27 ± 0.41* 

(-1035.00%) 
 

Rku (μm) 
Pre-Test 5 Mc 

Medial Central Lateral Medial Central Lateral 

Talar 3.06 ± 0.68 3.13 ± 0.86 3.52 ± 1.03 
13.69 ± 11.64 

(347.39%) 
13.94 ± 10.07* 

(345.37%) 

15.04 ± 6.54* 

(327.27%) 

Inferior Insert 2.60 ± 0.14 2.06 ± 0.09 2.63 ± 0.20 
4.80 ± 3.06 
(84.62%) 

7.30 ± 5.16 
(254.37%) 

3.29 ± 0.83 
(25.10%) 

Superior Insert 2.37 ± 0.08 
 23.91 ± 10.52* 

(908.86%) 
 

Tibial 16.31 ± 4.59 
 40.40 ± 13.84* 

(147.70%) 
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E.3 Simulator Type 

Table 40. Mean (± 95% CL) average surface roughness (Ra) measurements for each articulating 
surface of the medium sized implants alongside the percentage change between the measurement 
stages (n = 5). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
(p ≤ 0.05). 

 

Table 41. Mean (± 95% CL) maximum profile peak heights (Rp) measurements for each 
articulating surface of the medium sized implants alongside the percentage change between the 
measurement stages (n = 5). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
(p ≤ 0.05). 

 

Table 42. Mean (± 95% CL) maximum profile valley depth (Rv) measurements for each 
articulating surface of the medium sized implants alongside the percentage change between the 
measurement stages (n = 5). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
(p ≤ 0.05). 

 

 

 

Ra (μm) 
Pre-Test 3 Mc (UoL) 

Medial Central Lateral Medial Central Lateral 

Talar 0.07 ± 0.00 0.04 ± 0.00 0.07 ± 0.00 
0.07 ± 0.01 

(0.00%) 
0.06 ± 0.01* 

(50.00%) 
0.08 ± 0.01 
(14.29%) 

Inferior Insert 1.17 ± 0.05 1.14 ± 0.06 1.31 ± 0.07 
0.54 ± 0.16* 
(-53.85%) 

0.44 ± 0.11* 
(-61.40%) 

0.58 ± 0.11* 
(-55.73%) 

Superior Insert 1.23 ± 0.02  
0.10 ± 0.04* 
(-91.87%) 

 

Tibial 0.01 ± 0.00  
0.02 ± 0.01* 
(100.00%) 

 

Rp (μm) 
Pre-Test 3 Mc (UoL) 

Medial Central Lateral Medial Central Lateral 

Talar 0.08 ± 0.01 0.09 ± 0.01 0.08 ± 0.01 
0.17 ± 0.05* 
(112.50%) 

0.19 ± 0.06* 
(111.11%) 

0.19 ± 0.06* 
(137.50%) 

Inferior Insert 3.12 ± 0.10 2.83 ± 0.14 3.51 ± 0.12 
1.05 ± 0.36* 

(-66.35%) 
0.92 ± 0.29* 

(-67.49%) 
1.04 ± 0.27* 

(-70.37%) 

Superior Insert 3.09 ± 0.58 
0.28 ± 0.13* 

(-90.94%) 

Tibial 0.05 ± 0.00 
0.08 ± 0.02* 

(60.00%) 

Rv (μm) 
Pre-Test 3 Mc (UoL) 

Medial Central Lateral Medial Central Lateral 

Talar 0.11 ± 0.02 0.093 ± 0.01 0.098 ± 0.01 
0.18 ± 0.01* 

(63.64%) 
0.14 ± 0.05* 

(55.56%) 
0.21 ± 0.04* 
(133.33%) 

Inferior Insert 2.67 ± 0.13 2.83 ± 0.14 3.03 ± 0.11 
1.30 ± 0.40* 

(-51.31%) 
1.19 ± 0.20* 

(-57.95%) 
1.34 ± 0.37* 

(-55.78%) 

Superior Insert 2.80 ± 0.36 
0.35 ± 0.16* 

(-87.50%) 

Tibial 0.05 ± 0.00 
0.09 ± 0.03 
(80.00%)* 
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Table 43. Mean (± 95% CL) surface skewness (Rsk) measurements for each articulating surface 
of the medium sized implants alongside the percentage change between the measurement stages 
(n = 5). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
(p ≤ 0.05). 

 

Table 44. Mean (± 95% CL) surface kurtosis (Rku) measurements for each articulating surface 
of the medium sized implants alongside the percentage change between the measurement stages 
(n = 5). 

*Indicates statistically significant difference between pre- and post-simulation topographic measurements 
(p ≤ 0.05). 

 

E.4 Simulator Inputs 

Table 45. Mean (± 95% CL) average surface roughness (Ra) measurements for each articulating 
surface of the medium sized implants alongside the percentage change between the measurement 
stages (n = 5). 

 

 

 

Rsk (μm) 
Pre-Test 3 Mc (UoL) 

Medial Central Lateral Medial Central Lateral 

Talar -0.05 ± 0.23 -0.29 ± 0.08 -0.12 ± 0.16 
-0.10 ± 0.33 

(-100.00%) 

-0.43 ± 0.53 

(-115.00%) 

-0.35 ± 0.32 

(-250.00%) 

Inferior Insert 0.17 ± 0.03 0.11 ± 0.03 0.17 ± 0.06 
-0.26 ± 0.77 

(-217.65%) 

-0.80 ± 0.67* 

(-827.27%) 

-0.33 ± 0.93 

(-276.47%) 

Superior Insert -0.02 ± 0.01 
-0.46 ± 1.20 

(-2200.00%) 

Tibial 0.33 ± 0.71 
-0.86 ± 1.38 

(-360.61%) 

Rku (μm) 
Pre-Test 3 Mc (UoL) 

Medial Central Lateral Medial Central Lateral 

Talar 3.79 ± 1.83 4.11 ± 0.88 3.61 ± 1.17 
12.51 ± 4.71* 

(229.82%) 
7.87 ± 3.86* 

(91.48%) 
9.82 ± 5.92* 

(172.02%) 

Inferior Insert 2.69 ± 0.13 2.58 ± 0.07 2.85 ± 0.21 
5.92 ± 2.17* 

(120.07%) 
8.92 ± 8.76 
(245.74%) 

8.35 ± 8.79 
(192.98%) 

Superior Insert 2.41 ± 0.07 
19.71 ± 7.48* 

(717.84%) 

Tibial 14.72 ± 0.77 
33.93 ± 15.55* 

(130.50%) 

Ra (μm) 
UoL (0-3 Mc) ISO 22622:2019 (3-5 Mc) 

Medial Central Lateral Medial Central Lateral 

Talar 0.07 ± 0.01 0.06 ± 0.01 0.08 ± 0.01 
0.08 ± 0.02 
(14.29%) 

0.07 ± 0.02 
(16.67%) 

0.09 ± 0.03 
(12.50%) 

Inferior Insert 0.54 ± 0.16 0.44 ± 0.11 0.58 ± 0.11 
0.46 ± 0.08 
(-14.81%) 

0.43 ± 0.07 
(-2.27%) 

0.52 ± 0.12 
(-10.34%) 

Superior Insert 0.10 ± 0.04 
0.07 ± 0.02 
(-30.00%) 

Tibial 0.02 ± 0.01 
0.03 ± 0.01 
(50.00%) 
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Table 46. Mean (± 95% CL) maximum profile peak heights (Rp) measurements for each 
articulating surface of the medium sized implants alongside the percentage change between 
measurement stages after 2 Mc of ISO 22622:2019 loading and kinematic input profiles. 

 

Table 47. Mean (± 95% CL) maximum profile valley depth (Rv) measurements for each 
articulating surface of the medium sized implants after 2 Mc of ISO 22622:2019 loading and 
kinematic input profiles. 

 

Table 48. Mean (± 95% CL) surface skewness (Rsk) measurements for each articulating surface 
of the medium sized implants after 2 Mc of ISO 22622:2019 loading and kinematic input profiles. 

*Indicates statistically significant difference in topographic measurements (p ≤ 0.05) between the simulator 
input conditions. 

 

Table 49. Mean (± 95% CL) surface kurtosis (Rku) measurements for each articulating surface 
of the medium sized implants after 2 Mc of ISO 22622:2019 loading and kinematic input profiles. 

*Indicates statistically significant difference in topographic measurements (p ≤ 0.05) between the simulator 
input conditions.

Rp (μm) 
UoL (0-3 Mc) ISO 22622:2019 (3-5 Mc) 

Medial Central Lateral Medial Central Lateral 

Talar 0.17 ± 0.05 0.19 ± 0.06 0.19 ± 0.06 
0.15 ± 0.05 
(-11.76%) 

0.20 ± 0.05 
(-5.26%) 

0.20 ± 0.08 
(-5.26%) 

Inferior Insert 1.05 ± 0.36 0.92 ± 0.29 1.04 ± 0.27 
0.90 ± 0.17 
(-14.29%) 

0.82 ± 0.18 
(-10.87%) 

1.03 ± 0.27 
(-0.96%) 

Superior Insert 0.28 ± 0.13 
0.21 ± 0.06 
(-25.00%) 

Tibial 0.08 ± 0.02 
0.08 ± 0.02 

(0.00%) 

Rv (μm) 
UoL (0-3 Mc) ISO 22622:2019 (3-5 Mc) 

Medial Central Lateral Medial Central Lateral 

Talar 0.18 ± 0.01 0.14 ± 0.05 0.21 ± 0.04 
0.22 ± 0.07 
(22.22%) 

0.17 ± 0.11 
(21.43%) 

0.31 ± 0.17 
(47.62%) 

Inferior Insert 1.30 ± 0.40 1.19 ± 0.20 1.34 ± 0.37 
1.22 ± 0.23 

(-6.15%) 
1.12 ± 0.25 

(-5.88%) 
1.28 ± 0.29 

(-4.48%) 

Superior Insert 0.35 ± 0.16 
0.26 ± 0.09 
(-25.71%) 

Tibial 0.09 ± 0.03 
0.10 ± 0.02 
(11.11%) 

Rsk (μm) 
UoL (0-3 Mc) ISO 22622:2019 (3-5 Mc) 

Medial Central Lateral Medial Central Lateral 

Talar -0.10 ± 0.33 -0.43 ± 0.53 -0.35 ± 0.32 
-0.30 ± 0.41 
(-200.00%) 

0.34 ± 2.41 
(185.00%) 

-1.50 ± 0.30* 

(-400.00%) 

Inferior Insert -0.26 ± 0.77 -0.80 ± 0.67 -0.33 ± 0.93 
-0.63 ± 0.58 
(-200.00%) 

-0.55 ± 0.30 
(37.50%) 

-0.10 ± 0.58 
(66.67%) 

Superior Insert -0.46 ± 1.20 
-0.39 ± 0.53 

(25.00%) 

Tibial -0.86 ± 1.38 
-1.29 ± 2.70 
(-50.00%) 

Rku (μm) 
UoL (0-3 Mc) ISO 22622:2019 (3-5 Mc) 

Medial Central Lateral Medial Central Lateral 

Talar 12.51 ± 4.71 7.87 ± 3.86 9.82 ± 5.92 
18.44 ± 10.18 

(47.40%) 
33.46 ± 7.71* 

(325.16%) 
20.06 ± 7.78* 

(104.28%) 

Inferior Insert 5.92 ± 2.17 8.92 ± 8.76 8.35 ± 8.79 
5.57 ± 2.73 

(-5.91%) 
5.48 ± 2.39 
(-38.57%) 

5.12 ± 2.30 
(-38.68%) 

Superior Insert 19.71 ± 7.48 
13.08 ± 6.38 

(-33.64%) 

Tibial 33.93 ± 15.55 
40.00 ± 10.48 

(17.89%) 
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APPENDIX G: GAIT PILOT STUDY 

Reliability of Three-Dimensional Gait Data between Two Motion Capture 

Laboratories 

G.1  Introduction  

Clinical gait analysis has successfully been used for the functional assessment of patients, in order 

to quantify improvements or dysfunctions in locomotion after surgical intervention (Andriacchi 

and Alexander, 2000; Sutherland, 2002). The inherent variability and uncertainties in gait have to 

be properly evaluated (Schwartz et al., 2004) and depend on a number of factors, which include: 

(1) the motion capture system (Chiari et al., 2005; Windolf et al., 2008); (2) market set model 

(Ferrari et al., 2008; Yoo et al., 2022); (3) experience of the researcher (Gorton et al., 2009; Leigh 

et al., 2014); (4) calibration volume and location of the gait analysis (Benedetti et al., 2013; Di 

Marco et al., 2016); (5) intra-subject stride to stride variability (Meldrum et al., 2014); and (6) STA 

(Leardini et al., 2005). Whilst the final two causes of variability cannot be eliminated due to being 

patient-related, the first four sources of variability are a result of the chosen methodological 

approach (Scalona et al., 2019).  

Perhaps one of the largest sources of gait variability, stems from the collection of data at different 

research sites. Noonan et al. (2003) evaluated 11 ambulatory patients with spastic cerebral palsy 

at four different gait analysis laboratories and demonstrated that there was, on average, 21% (8-

34%) variance in 5% of the gait cycle between research sites. The authors also reported that there 

was increased variability in the transverse and frontal planes, which may be attributed to 

differences in marker placement between sites. The variance in gait within this study however, 

was likely a result of the innate differences in cerebral palsy patients, which makes it difficult to 

compare the results from this study to healthy participants.  

Gorton et al. (2009) assessed the variability of nine kinematic parameters within twelve 

laboratories and twenty four operators, when conducting overground level walking trials on one 

healthy participant. The results demonstrated an average maximum difference of 15° across each 

research site. Variability was high between both testing sessions at a single site, with five of the 

eight gait parameters being significantly different (Gorton et al., 2009). Furthermore, the authors 

concluded that using a standardised protocol across research sites reduced variability by as much 

as 20% (Gorton et al., 2009). A similar study measuring the consistency of one healthy 

participant’s gait mechanics across seven different motion capture laboratories, determined that 

joint angles and moments of the foot and lower limb were generally consistent (Benedetti et al., 

2013). However, a limitation of both of the above studies was that they only measured the effect 

different gait laboratories had on one participant. In addition to this, each research site used 

different examiners with varying levels of experience with marker placement, which has also been 

identified as a large source of variability in gait (Leigh et al., 2014).  
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Most recently, Kaufman et al. (2016) collected kinematic and kinetic parameters of five walking 

trials at three research centres of excellence for 10 healthy participants. Inter-lab kinematic errors 

were < 5.0° for all joint angle measurements in all three planes of motion, whereas kinetic error 

differed significantly between walking speeds. The data from this study suggested that it is feasible 

to attain repeatable and reliable gait data across multiple gait laboratories, particularly when gait 

speed, anatomical placement and segment definitions is standardised between testing sessions 

(Kaufman et al., 2016). Each of the previous studies mentioned, highlighted the importance of 

reliability and repeatability when attempting to compare data between research sites, and should 

be considered when evaluating patient progression post-operatively.  

The work presented in this section acted as a pilot study to the post-operative exploratory gait 

study (Chapter 5), which compared the patient reported outcomes, spatiotemporal and 

biomechanical differences between patients implanted with AA and TAR, at an intermediate 

follow-up period. Due to geographical location, availability of the patients and inability to travel 

to the same gait laboratory, two research sites were selected to give the best coverage to collate 

data from the selected patient populations. Thus, the aim of this pilot study was to collect 

consistent 3D gait data using two different motion capture systems at two different research sites. 

The study used a similar method for the calibration of the motion capture equipment, a single 

experienced evaluator for marker placement and a uniform fundamental biomechanical model, 

to ensure that if variability in the gait data was measured, then it would be due to differences 

between the two motion capture systems 

G.2 Methods  

A total of 12 participants volunteered to participate, which corresponds to the recommended 

sample size for a pilot study (Julious, 2005). The mean (± 95% CL) age, height, weight and BMI 

of the participants are presented in Table 50. Inclusion criteria were individuals aged 18 years and 

over at the point of data collection, who demonstrated good health status as recognised by a 

health screen questionnaire. Individuals were excluded from the study if they had a current 

neuromuscular and/or musculoskeletal injury, had been diagnosed with medical conditions that 

may affect normal locomotion, or had an injury to the foot or lower body in the past six months. 

Prior to testing, each participant gave their written consent, with their health screening 

questionnaire being obtained from all participants at both site visits. The procedures used for the 

pilot study were approved by the UoL Human Research Ethics Committee (Appendix E1).  

 

Table 50. Mean (± 95% CL) demographic data of the participants at both research sites. 

 CAH NTU p value 

Age (years) 24.18 ± 1.47 24.27 ± 1.35 0.564 
Height (m) 1.78 ± 0.09 1.78 ± 0.09 0.655 
Weight (kg) 77.05 ± 7.31 76.95 ± 7.55 0.838 

BMI (kg/m2) 24.32 ± 2.44 24.30 ± 2.51 0.929 
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Gait analyses were performed at the Biomedical, Life and Health Sciences Research Centre at the 

Nottingham Trent University (NTU; Nottingham, UK) and at the Leeds Biomedical Research 

Centre at Chapel Allerton Hospital (CAH; Leeds, UK). Both sites used force platforms from the 

same manufacturer (AMTI, Watertown, MA) and same data collection rate of 100 Hz. The only 

differences between sites, related to the motion capture systems, the number of cameras used 

and the force plate sampling rate (Table 51). Each participant visited both research sites within a 

three month period. The order in which the participants visited each laboratory was not 

randomised, but instead was based on their availability to travel.  

Table 51. Gait laboratory motion capture and force platform systems used at each research site. 

  CAH NTU 

Motion 

Capture 

System 

Manufacturer Vicon Qualisys Track Manager 

Camera Vicon MX Qualisys Oqus 

Number of Cameras 10 13 

Data Collection Rate (Hz) 100 100 

Force 

Platforms 

Manufacturer AMTI (Watertown, MA) AMTI (Watertown, MA) 

Model BP400600 BP400600 

Number of Platforms 2 2 

Data Collection Rate (Hz) 1000 500 

The experimental conditions used in this pilot study were also used as the methodology for the 

post-operative comparative gait study between AA and TAR (Chapter 5). Participants were asked 

to wear form fitting shorts and top, whilst footwear was removed. Participant’s height was 

measured using a stadiometer and weight was determined during the static trials, when the 

participant stood with both feet on one of the force platforms. Thirty six reflective markers 

(QualisysTM Medical AB, Goteborg, Sweden) were placed directly on the skin of the participants. 

The IOR foot model was used to determine multi-segment ankle kinematic gait data from the 

participant’s dominant foot, whilst a basic SFM was used on the non-dominant foot. The 

dominant foot was determined as the one the participant would use to kick a ball as far as they 

could. The IOR allowed for 3D joint rotations to be calculated for the hindfoot, midfoot and 

forefoot segments. A final segment defined the metatarsus with respect to the calcaneus and is 

here after referred to as forefoot-to-hindfoot. 

The anatomical landmarks were identified through manual palpation in accordance with the 

Colour Atlas of Skeletal Landmark Definitions (van Sint Jan, 2007). All markers were placed by 

the same investigator, whom had five years’ experience in gait analysis. The tracking markers 

followed the CAST marker set, which involved the attachment of semi-rigid thermoplastic shells 

to the pelvis, thigh, and shank of the participants, to determine segment position and orientation. 

Following the application of the reflective marker set, data was collected while the participant 

walked over level ground, along an 8 m walkway at a self-selected walking speed, until five 

successful trials were obtained. The participants walked over two force platforms, which were 

positioned in the middle of the walkway and were arranged in succession to allow simultaneous 
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collection of the dominant and non-dominant limbs. Data from the force platforms from both 

sites were time synchronised with the motion cameras.  

Marker position reconstruction and kinetic and kinematic computation were performed at the 

two research sites using Vicon Nexus 2.9.2 (Vicon Motion Systems, Oxford, UK) for NTU and 

Qualisys Track Manager Version 2019.3 (QualisysTM Medical AB, Goteborg, Sweden) for CAH. 

Data was then exported and processed within Visual3D (C-Motion, Germantown, MD, USA). 

This process involved developing the biomechanical models for the body segments, filtering the 

data using a low-pass Butterworth filter with a cut-off frequency of 6 Hz and 25 Hz for the 

kinematic and force data, respectively (Robertson and Dowling, 2003) as well as determining the 

gait events of heel strike and toe-off. Importantly, the underlying biomechanical and segmental 

models were the same between research sites. At each site, spatiotemporal parameters of step 

length (m), walking speed (m/s) and cadence (steps/min) of the dominant and non-dominant 

limb were calculated from the determined gait events. Joint angles, moments and power of the 

hip, knee and ankle were determined for the dominant foot, while the MFM was used to 

determine kinematic differences of the hindfoot, midfoot and forefoot segments. Vertical GRF 

was also compared between both research sites.  

Variability of the gait data was determined through descriptive statistics, including the mean and 

standard deviation of the 3D kinematic, kinetic, moment and power parameters of the hip, knee 

and ankle during overground walking at both research sites. A Shapiro-Wilk test of normality was 

conducted to determine if the data was normally distributed. As some of parameters were not 

normally distributed, the non-parametric Wilcoxon signed-rank test was used, with a significance 

accepted at the (p ≤ 0.05) level. This was also deemed appropriate due to the small sample size 

used within the pilot study. All statistical analyses was conducted using SPSS version 26.0 (SPSS 

Inc, Chicago, USA).  

G.3 Results 

One participant’s data was removed after the completion of the study due to significant marker 

drop out during post-processing, leaving a total of 11 participants. There was no statistically 

significant differences between walking speed, step length and cadence of the dominant and non-

dominant limbs of the participants between the two research sites (Table 52).  

Table 52. Mean (± 95% CL) spatiotemporal parameters for the participants at the two research 
sites. 

Spatiotemporal Parameters  CAH NTU p value 

Walking Speed (m/s) 1.17 ± 0.14 1.19 ± 0.10 0.790 

Step Length (m) - DL 0.68 ± 0.01 0.66 ± 0.02 0.168 

Step Length (m) - NDL 0.67 ± 0.02 0.67 ± 0.02 0.477 

Cadence (steps/min) - DL 108.52 ± 7.23 108.43 ± 7.87 0.824 

Cadence (steps/min) - NDL 106.33 ± 6.51 105.34 ± 7.45 1.000 

                      *DL = Dominant Limb; NDL = Non-dominant Limb 
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The mean (± 95% CL) hip, knee and SFM ankle kinematic waveforms for the healthy participants 

at both research sites are displayed in Figures 92-94. The greatest variability was found in the 

transverse plane of motion at both the hip and knee joints (Table 53), with greater hip external 

rotation at NTU and increased knee external rotation at CAH. However, these differences were 

marginal, with the comparable variability within the participant cohort at both research sites 

meaning that there was no significant differences in transverse plane motion (Table 53). 

Table 53. Mean (± 95% CL) hip, knee and single-segment ankle kinematic parameters for the 
participants at the two research sites. 

 Kinematic Parameters (°) CAH NTU p value 

Hip 

Peak Hip Flexion  26.53 ± 3.99 29.40 ± 3.67 0.328 

Peak Hip Extension -8.51 ± 3.47 -5.88 ± 2.99 0.424 

Sagittal Hip ROM 35.03 ± 3.16 35.29 ± 2.62 0.790 

Peak Hip Adduction 6.68 ± 2.21 6.69 ± 2.76 0.722 

Peak Hip Abduction -6.41 ± 2.03 -6.00 ± 3.13 0.929 

Frontal Hip ROM 13.09 ± 1.97 12.69 ± 1.58 0.859 

Minimum External Rotation -1.94 ± 4.07 -0.47 ± 5.51 0.657 

Peak Hip External Rotation -11.27 ± 4.26 -11.46 ± 5.73 0.929 

Transverse Hip ROM 9.32 ± 1.62 10.98 ± 1.57 0.075 

Knee 

Peak Knee Flexion  65.60 ± 2.40 64.53 ± 3.45 0.594 

Peak Knee Extension  2.55 ± 2.25 1.41 ± 3.44 0.534 

Sagittal Knee ROM  63.05 ± 2.35 63.12 ± 2.33 0.859 

Peak Knee Adduction  7.13 ± 2.15 6.41 ± 4.30 0.534 

Peak Knee Abduction  -1.95 ± 1.52 -3.70 ± 2.37 0.182 

Frontal Knee ROM  9.07 ± 1.48 10.11 ± 2.77 0.657 

Peak Knee Internal Rotation  1.50 ± 2.76 1.35 ± 3.73 0.929 

Peak Knee External Rotation  -15.77 ± 3.84 -12.50 ± 4.10 0.182 

Transverse Knee ROM  17.27 ± 2.96 13.85 ± 2.70 0.053 

Ankle 

Peak Ankle Dorsiflexion  17.89 ± 1.64 16.86 ± 1.63 0.241 

Peak Ankle Plantarflexion  -8.23 ± 2.73 -9.58 ± 2.76 0.594 

Sagittal Ankle ROM  26.12 ± 3.49 26.44 ± 3.16 1.000 

Peak Ankle Eversion  2.92 ± 1.38 2.60 ± 0.85 0.374 

Peak Ankle Inversion  -11.06 ± 1.90 -11.50 ± 1.93 0.859 

Frontal Ankle ROM  13.97 ± 1.99 14.10 ± 2.18 0.534 

Peak Adduction  2.96 ± 3.19 2.89 ± 3.11 0.657 

Peak Abduction  -11.23 ± 3.78 -11.56 ± 3.78 0.790 

Transverse Ankle ROM  14.19 ± 2.25 14.45 ± 2.74 1.000 
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Figure 92. Mean (± 95% CL) hip flexion (+)/extension (-) (A), adduction (+)/abduction (-) (B) 
and internal (+)/external (-) rotation (C) kinematic waveforms during the gait cycle, of the 
participants at the Chapel Allerton Hospital (CAH; blue) and Nottingham Trent University 
(NTU; red) research sites 



334 

 

 

-20

0

20

40

60

80

0 20 40 60 80 100

S
ag

it
ta

l 
K

n
ee

 A
n

gl
e 

(°
)

CAH

NTU

-20

-10

0

10

20

0 20 40 60 80 100

F
ro

n
ta

l 
K

n
ee

 A
n

gl
e 

(°
)

-20

-10

0

10

20

0 20 40 60 80 100

T
ra

n
sv

er
se

 K
n

ee
 A

n
gl

e 
(°

)

Gait Cycle (%)

A 

 

B 

 

C 

 

Flexion (+) 

 

Extension (-) 

 

Adduction (+) 

 

Abduction (-) 

 

Internal Rotation (+) 

 

External Rotation (-) 

 

Figure 93. Mean (± 95% CL) knee flexion (+)/extension (-) (A), adduction (+)/abduction (-) (B) 
and internal (+)/external (-) rotation (C) kinematic waveforms during the gait cycle, of the 
participants at the Chapel Allerton Hospital (CAH; blue) and Nottingham Trent University 
(NTU; red) research sites. 
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Figure 94. Mean (± 95% CL) single-segment ankle dorsiflexion (+)/plantarflexion (-) (A), 
eversion (+)/inversion (-) (B) and adduction (+)/abduction (-) (C) kinematic waveforms during 
the gait cycle, of the participants at the Chapel Allerton Hospital (CAH; blue) and Nottingham 
Trent University (NTU; red) research sites. 
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There was also no significant differences identified for mean peak or ROM parameters in the 

sagittal and frontal planes of motion at the proximally located joints (Table 53). SFM ankle 

kinematics were comparable between the two research sites throughout the gait cycle (Figure 94) 

and no significant differences were found in all three planes of motion for mean peak and ROM 

parameters (Table 53).  

The mean (± 95% CL) kinematic waveforms for hindfoot, midfoot, forefoot and forefoot-to-

hindfoot segments of the participants at both research sites are presented in Figures 95-98. Each 

of the MFM segments were comparable throughout the gait cycle and resulted in no significant 

differences in the mean peak and ROM parameters between research sites (Table 54).  

Table 54. Mean (± 95% CL) multi-segment foot segment kinematic parameters for the 
participants at the two research sites. 

 Kinematic Parameters (°) CAH NTU p value 

Hindfoot 

Peak Dorsiflexion  7.57 ± 2.83 10.48 ± 3.98 0.790 

Peak Plantarflexion  -12.00 ± 3.56 -9.69 ± 2.64 0.155 

Sagittal Hindfoot ROM  19.57 ± 2.62 20.17 ± 2.64 1.000 

Minimum Inversion  -1.96 ± 4.47 0.56 ± 5.13 0.594 

Peak Inversion  -12.02 ± 4.49 -10.71 ± 5.39 0.722 

Frontal Hindfoot ROM  10.06 ± 1.17 11.27 ± 2.36 0.328 

Peak Adduction  8.92 ± 3.38 7.35 ± 3.78 0.374 

Peak Abduction  -1.38 ± 3.91 -3.97 ± 4.82 0.424 

Transverse Hindfoot ROM  10.30 ± 1.43 11.32 ± 2.25 0.424 

Midfoot 

Peak Dorsiflexion  43.46 ± 4.19 42.29 ± 4.63 1.000 

Minimum Dorsiflexion  32.00 ± 4.07 29.20± 5.07 0.424 

Sagittal Midfoot ROM  11.46± 1.27 13.09 ± 2.60 0.445 

Minimum Inversion -7.90 ± 4.20 -10.42 ± 5.03 0.534 

Peak Inversion  -15.59 ± 4.74 -19.11 ± 5.40 0.594 

Frontal Midfoot ROM  7.68 ± 1.13 8.69 ± 1.69 0.230 

Peak Adduction  5.58 ± 3.19 2.67 ± 6.34 0.374 

Peak Abduction  2.00 ± 3.35 -2.74 ± 6.95 0.131 

Transverse Midfoot ROM  3.58 ± 0.96 5.41 ± 2.25 0.131 

Forefoot 

Minimum Plantarflexion  -63.02 ± 3.87 -63.60 ± 3.80 0.894 

Peak Plantarflexion  -71.53 ± 5.00 -73.45 ± 4.45 0.534 

Sagittal Forefoot ROM  8.51 ± 1.89 9.85 ± 1.71 0.131 

Minimum Inversion  -7.12 ± 3.34 -8.01 ± 6.12 0.722 

Peak Inversion  -12.67 ± 3.28 -14.12 ± 5.75 0.594 

Frontal Forefoot ROM  5.55 ± 0.84 6.11 ± 0.91 0.328 

Peak Adduction  10.42 ± 5.47 17.61 ± 7.89 0.155 

Minimum Adduction  6.93 ± 5.58 13.49 ± 7.43 0.155 

Transverse Forefoot ROM  3.49 ± 0.91 4.12 ± 0.93 0.213 

Forefoot-

to-

Hindfoot 

Minimum Plantarflexion  -22.81 ± 4.07 -27.44 ± 3.70 0.110 

Peak Plantarflexion  -42.09 ± 4.27 -45.82 ± 3.18 0.131 

Sagittal Forefoot-to-Hindfoot ROM  19.28 ± 2.41 18.38 ± 1.97 0.534 

Minimum Inversion  -13.54 ± 2.30 -11.77 ± 3.47 0.248 

Peak Inversion  -21.82 ± 3.46 -20.49± 4.32 0.534 

Frontal Forefoot-to-Hindfoot ROM  8.28 ± 1.45 8.72 ± 1.39 0.929 

Peak External Rotation  3.36 ± 6.05 2.13 ± 4.76 0.286 

Peak Internal Rotation  -6.62 ± 6.13 2.19 ± 4.88 0.477 

Transverse Forefoot-to-Hindfoot ROM  9.98 ± 1.22 10.02 ± 1.62 0.790 
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Figure 95. Mean (± 95% CL) hindfoot segment dorsiflexion (+)/plantarflexion (-) (A), eversion 
(+)/inversion (-) (B) and adduction (+)/abduction (-) (C) kinematic waveforms during the gait 
cycle, of the participants at the Chapel Allerton Hospital (CAH; blue) and Nottingham Trent 
University (NTU; red) research sites. 
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Figure 96. Mean (± 95% CL) midfoot segment dorsiflexion (+) (A), inversion (-) (B) and 
adduction (+)/abduction (-) (C) kinematic waveforms during the gait cycle, of the participants at 
the Chapel Allerton Hospital (CAH; blue) and Nottingham Trent University (NTU; red) research 
sites. 
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Figure 97. Mean (± 95% CL) forefoot segment plantarflexion (-) (A), inversion (-) (B) and 
adduction (+) (C) kinematic waveforms during the gait cycle, of the participants at Chapel 
Allerton Hospital (CAH; blue) and Nottingham Trent University (NTU; red) research sites. 
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Figure 98. Mean (± 95% CL) forefoot-to-hindfoot segment plantarflexion (-) (A), inversion (-) 
(B) and adduction (+)/abduction (-) (C) kinematic waveforms during the gait cycle, of the 
participants at Chapel Allerton Hospital (CAH; blue) and Nottingham Trent University (NTU; 
red) research sites. 
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The variability (± 95% CL) within the participant group at both research sites were relatively 

comparable throughout the kinematic waveforms for each foot segment, which confirmed the 

non-significant findings in kinematics at the varying foot segments (Table 54). The hindfoot 

ROM was approximately 6-7° lower than the measured motion using the SFM, which suggested 

that the SFM overestimated the ROM at the ankle joint.  

The vertical GRF waveform was comparable throughout the stance phase between research sites 

(Figure 99). The mean peak values (GRF1max and GRF2max) were not significantly different within 

the healthy participants between the two research sites (Table 55). Peak joint moments of the 

hip, knee and ankle are presented in Figures 100-102. Whilst attending CAH, patients tended to 

produce a slightly greater hip internal flexion and abduction moments throughout the stance 

phase (Figure 100). However, no significant differences were found between peak internal 

moments in the sagittal and frontal planes of motion at the hip joint (Table 56). A similar trend 

was also found at the knee and ankle joints, with no significant differences in peak moments 

(Table 56). The generated sagittal plane power for the hip, knee and ankle during the stance phase 

is displayed in Figure 103. The participants tended to generate more power in each of the joints 

around late stance at the CAH motion laboratory (Figure 103). However, there was no significant 

differences in peak generated power values at each of the lower limb joints (Table 57). 

Table 55. Mean (± 95% CL) vertical ground reaction force parameters for the participants at the 
two research sites. 

 

 

 

 

Vertical GRF (BW) CAH NTU p value 

GRF1max  1.15 ± 0.05 1.10 ± 0.04 0.197 
GRF2max 1.15 ± 0.03 1.13 ± 0.02 0.357 
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Figure 99. Mean (± 95% CL) vertical GRF during the stance phase, of the participants at Chapel 
Allerton Hospital (CAH; blue) and Nottingham Trent University (NTU; red) research sites. 
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Table 56. Mean (± 95% CL) joint moment parameters for the participants at the two research 
sites. 

 

 

 

 

 

 

 

Peak Joint Moments (Nm/kg) CAH NTU p value 

Hip Flexion  -1.16 ± 0.18 -0.87 ± 0.15 0.068 
Hip Abduction  1.02 ± 0.08 0.93 ± 0.07 0.100 
Knee Extension  1.00 ± 0.15 0.82 ± 0.14 0.110 
Knee Adduction  -0.35 ± 0.07 -0.37 ± 0.07 0.894 
Ankle Plantarflexion  1.51 ± 0.07 1.53 ± 0.07 0.575 
Ankle Inversion  0.16 ± 0.06 0.18 ± 0.07 0.504 
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Figure 100. Mean (± 95% CL) sagittal (A) and frontal (B) hip internal moments during the stance 
phase, of the participants at Chapel Allerton Hospital (CAH; blue) and Nottingham Trent 
University (NTU; red) research sites. 
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Figure 101. Mean (± 95% CL) sagittal (A) and frontal (B) knee internal moments during the 
stance phase, of the participants at Chapel Allerton Hospital (CAH; blue) and Nottingham Trent 
University (NTU; red) research sites. 
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Table 57. Mean (± 95% CL) joint power parameters for the participants at the two research sites. 

 

 

 

Peak Generated Power (W/kg)  CAH NTU  p value 

Hip  1.48 ± 0.36 1.27 ± 0.27 0.533 
Knee  0.78 ± 0.21 0.77 ± 0.22 0.790 
Ankle 3.56 ± 0.39 3.13 ± 0.34 0.155 
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Figure 102. Mean (± 95% CL) sagittal (A) and frontal (B) ankle internal moments during the 
stance phase, of the participants at Chapel Allerton Hospital (CAH; blue) and Nottingham Trent 
University (NTU; red) research sites.  
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Figure 103. Mean (± 95% CL) sagittal hip (A), knee (B) and ankle (C) joint power during the 
stance phase, of the participants at Chapel Allerton Hospital (CAH; blue) and Nottingham Trent 
University (NTU; red) research sites.  
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G.4 Discussion and Conclusion 

The pilot study aimed to evaluate the inter-laboratory reproducibility of spatiotemporal, kinetic 

and kinematic data obtained from healthy participants. There were no statistically significant 

differences found between the two research sites for any of the measured gait parameters. 

Therefore, the study demonstrated that it is possible to obtain high quality, reliable data across 

two different research sites, even when using different motion capture hardware configurations, 

calibration equipment and instrumentation from different manufacturers. This finding was 

supported by a previous study, which compared the gait variability across three laboratories 

(Kaufman et al., 2016).  

The kinematic parameters evaluated in the transverse plane of motion differed more between the 

two research sites, when compared to the sagittal and frontal planes. This is also in accordance 

with earlier studies, which focused on assessing gait variability between different motion capture 

laboratories (Gorton et al., 2009; Scalona et al., 2019). However, this difference was not 

statistically significant for peak or ROM parameters in the transverse plane between the research 

sites. It should be noted that the transverse plane of motion is associated with the smallest ROM 

and greatest variability in all three joints of the lower limb (Røislien et al., 2012). The ankle joint 

was also found to be more comparable than those of the hip and knee between research sites, 

which is likely due to the smaller joint ROM (Røislien et al., 2012).  

Marker misplacement between the two research sites, particularly at the hip and knee joints, may 

have led to the small differences in peak sagittal moments and peak generated power. 

Misplacement of markers has previously been shown to cause a misalignment of the FE axis with 

the anatomical one, generating cross-talk between motion in the sagittal plane and the other 

planes of motion (Ferrari et al., 2008). It has also been shown that the reproducibility of hip and 

knee moments was lower than at the ankle joint (Scalona et al., 2019), which could be related to 

the inherent uncertainties in the estimation of lower limb joint centres (Kadaba et al., 1989). The 

authors suggested that the propagation of uncertainties along the biomechanical chain of the 

lower limb may have caused cumulative effects in determining the moments moving from the 

ankle to the proximally located joints (Scalona et al., 2019).  

The non-significant differences in gait mechanics between the two research sites was likely a 

result of using the identical anatomical segment definitions for the biomechanical model, 

alongside the standardised protocol, experimental conditions and same examiner who placed the 

markers on each participant. The results from this study strongly support the importance of 

standardising these factors, to ensure the most reliable data can be collected across motion 

capture laboratories. Most importantly, the repeatable data collected, demonstrated that it is 

possible to compare between the AA and TAR patient cohorts within the post-operative 

exploratory gait study between the two research sites. 
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APPENDIX H: VISUAL 3D PIPELINE COMMANDS 

(Example of an operated right foot model) 

 

File Open
File_Open 
! /FILE_NAME= 
! /SUFFIX= 
 /SET_PROMPT=Open all walking files 
! /FILTER= 

Interpolate 
Interpolate 
 /SIGNAL_TYPES= TARGET 
 /SIGNAL_FOLDER=ORIGINAL 
! /SIGNAL_NAMES= 
! /RESULT_FOLDER=PROCESSED 
! /RESULT_SUFFIX= 
! /MAXIMUM_GAP=10 
! /NUM_FIT=3 
! /POLYNOMIAL_ORDER=3 

Kinematic Low-pass Filter 
Lowpass_Filter 
/SIGNAL_TYPES=TARGET 
! /SIGNAL_FOLDER=ORIGINAL 
! /SIGNAL_NAMES= 
! /RESULT_FOLDER=PROCESSED 
! /RESULT_SUFFIX= 
! /FILTER_CLASS=BUTTERWORTH 
! /FREQUENCY_CUTOFF=6.0 
! /NUM_REFLECTED=6 
! /NUM_EXTRAPOLATED=0 
! /TOTAL_BUFFER_SIZE=6 
! /NUM_BIDIRECTIONAL_PASSES=1 

Kinetic Low-pass Filter 
Lowpass_Filter 
/SIGNAL_TYPES=ANALOG+FORCE+COFP 
/SIGNAL_FOLDER=ORIGINAL+ORIGINAL+ORIG
INAL 
! /SIGNAL_NAMES= 
! /RESULT_FOLDER=PROCESSED 
! /RESULT_SUFFIX= 
! /FILTER_CLASS=BUTTERWORTH 
/FREQUENCY_CUTOFF=25.0 
! /NUM_REFLECTED=6 
! /NUM_EXTRAPOLATED=0 
! /TOTAL_BUFFER_SIZE=6 
! /NUM_BIDIRECTIONAL_PASSES=1 

Assign Tags to Files 
Assign_Tags_To_Files 
! /MOTION_FILE_NAMES= 
! /QUERY= 
/TAGS= Walk 

Create Hybrid Model 
Create_Hybrid_Model 
! /CALIBRATION_FILE= 
! /SUFFIX= 
! /RANGE=ALL_FRAMES 
! /SET_PROMPT=Open standing file 

Model Template 
Apply_Model_Template 
! /CALIBRATION_FILE= 

! /MODEL_TEMPLATE= 
! /SET_PROMPT=Open model file 
! /VIEW_BUILDMODEL_RESULTS=2 

Set Participant Height  
Set_Participant_Height 
! /CALIBRATION_FILE 
! /PROMPT= 
! /PROMPT_SIZE=90 
/HEIGHT= XXX 
! /UNITS=m 

Set Participant Mass 

Set_Participant_Mass 
! /CALIBRATION_FILE= 
! /PROMPT= 
! /PROMPT_SIZE=90 
/WEIGHT= XXX 
/UNITS=kg 

Build Model  
 Build_Model 
/CALIBRATION_FILE= ::STATIC 
! /REBUILD_ALL_MODELS=FALSE 
! /DISPLAY_RESULTS=TRUE 

Assign Model File 

Assign_Model_File 
! /CALIBRATION_FILE= 
! /MOTION_FILE_NAMES= 
! /REMOVE_EXISTING_ASSIGNMENTS=FALSE 

Select Active File 

Select_Active_File 
/FILE_NAME= WALK 
! /QUERY= 

Automatic Gait Events 

Automatic_Gait_Events 
! /FRAME_WINDOW=8 
! /USE_TPR=TRUE 

Right Pelvis Angle 
Compute_Model_Based_Data 
/RESULT_NAME=R_Pelvis 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RPV 
/REFERENCE_SEGMENT=Virtual Lab 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0
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Left Pelvis Angle 
Compute_Model_Based_Data 
/RESULT_NAME=L_Pelvis 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RPV 
/REFERENCE_SEGMENT=Virtual Lab 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Hip Angle 
Compute_Model_Based_Data 
/RESULT_NAME=RHip_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RTH 
/REFERENCE_SEGMENT=RPV 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Hip Angle 
Compute_Model_Based_Data 
/RESULT_NAME=LHip_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=LTH 
/REFERENCE_SEGMENT=RPV 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
/NEGATEY=TRUE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

 

 

 

 

 

 

 

Right Knee Angle 
Compute_Model_Based_Data 
/RESULT_NAME=RKnee_Agle 
/FUNCTION=JOINT_ANGL 
/SEGMENT=RS 
/REFERENCE_SEGMENT=H 
/RESOLUTION_COORDINTE_SYSTEM= 
! /USE_CARDAN_SEQUENE=FALSE 
! /NORMALIZATION=FALS 
! /NORMALIZATION_METD= 
! /NORMALIZATION_METRC= 
/NEGATEX=TRU 
/NEGATEY=TRU 
! /NEGATEZ=FALS 
! /AXIS1= 
! /AXIS2= 
! /AXIS3= 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Knee Angle 
Compute_Model_Based_Data 
/RESULT_NAME=LKnee_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=LSK 
/REFERENCE_SEGMENT=LTH 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
! /NEGATEY=FALSE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Ankle Angle (single-segment) 
Compute_Model_Based_Data 
/RESULT_NAME=RAnkle_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RMF 
/REFERENCE_SEGMENT=RSK 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
/NEGATEY=TRUE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0)! 
/TREADMILL_SPEED=0.0 
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Left Ankle Angle (single-segment) 
Compute_Model_Based_Data 
/RESULT_NAME=LAnkle_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=LMF 
/REFERENCE_SEGMENT=LSK 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 
 

Right Shank-Calc Angle (IOR) 

Compute_Model_Based_Data 
/RESULT_NAME=RSha_Cal_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RCal 
/REFERENCE_SEGMENT=RSK_2 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
/AXIS1=Z 
/AXIS2=X 
/AXIS3=Y 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 
 

Right Calc-Mid Angle (IOR) 

Compute_Model_Based_Data 
/RESULT_NAME=RCal_Mid_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RMid 
/REFERENCE_SEGMENT=RCal 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
/AXIS1=Z 
/AXIS2=X 
/AXIS3=Y 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

 

 

Right Mid-Met Angle (IOR) 

Compute_Model_Based_Data 
/RESULT_NAME=RMid_MetAngle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RMe 
/REFERENCE_SEGMENT=RMid 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
/AXIS1=Z 
/AXIS2=X 
/AXIS3=Y 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Calc-Met Angle (IOR) 

Compute_Model_Based_Data 
/RESULT_NAME=RCal_Met_Angle 
/FUNCTION=JOINT_ANGLE 
/SEGMENT=RMet 
/REFERENCE_SEGMENT=RCal 
/RESOLUTION_COORDINATE_SYSTEM= 
! /USE_CARDAN_SEQUENCE=FALSE 
! /NORMALIZATION=FALSE 
! /NORMALIZATION_METHOD= 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
/AXIS1=Z 
/AXIS2=X 
/AXIS3=Y 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

GRF (Force Platform 1: Right Foot) 
Compute_Model_Based_Data 
/RESULT_NAME=FP1 
/FUNCTION=GRF_DATA 
/SEGMENT=RFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=Virtual 
Lab 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 
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GRF (Force Platform 2: Left Foot) 
Compute_Model_Based_Data 
/RESULT_NAME=FP2 
/FUNCTION=GRF_DATA 
/SEGMENT=LFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=Virtual 
Lab 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Hip Moment 
Compute_Model_Based_Data 
/RESULT_NAME=RHip_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=RTH 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RPV 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Hip Moment 
Compute_Model_Based_Data 
/RESULT_NAME=LHip_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=LTH 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RPV 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

 

 

 

 

 

Right Knee Moment 
Compute_Model_Based_Data 
/RESULT_NAME=RKnee_Mment 
/FUNCTION=JOINT_MOMT 
/SEGMENT=R 
/REFERENCE_SEGMEN 
/RESOLUTION_COORDINE_SYSTEM=RTH 
! /USE_CARDAN_SEQUECE=FALSE 
/NORMALIZATION=TRU 
/NORMALIZATION_METOD=DEFAULT_NORMAL
IZATION 
! /NORMALIZATION_MERIC= 
! /NEGATEX=FALS 
! /NEGATEY=FALSE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Knee Moment 
Compute_Model_Based_Data 
/RESULT_NAME=LKnee_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=LSK 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=LTH 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
/NEGATEY=TRUE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Ankle Moment 
Compute_Model_Based_Data 
/RESULT_NAME=RAnkle_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=RFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RSK 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 
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Left Ankle Moment 
Compute_Model_Based_Data 
/RESULT_NAME=LAnkle_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=LFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=LSK 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Hip Power 
Compute_Model_Based_Data 
/RESULT_NAME=RHip_Moment 
/FUNCTION=JOINT_MOMENT 
/SEGMENT=RTH 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RPV 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
/NEGATEX=TRUE 
/NEGATEY=TRUE 
/NEGATEZ=TRUE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Hip Power 
Compute_Model_Based_Data 
/RESULT_NAME=LHip_Power 
/FUNCTION=JOINT_POWER 
/SEGMENT=LTH 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RPV 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

 

 

 

 

 

 

Right Knee Power 
Compute_Model_Based_Data 
/RESULT_NAME=RKnee_Power 
/FUNCTION=JOINT_POWE 
/SEGMENT=RSK 
/REFERENCE_SEGMENT 
/RESOLUTION_COORDINATE_SYSTEM=RTH 
! /USE_CARDAN_SEQUENC=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Left Knee Power 
Compute_Model_Based_Data 
/RESULT_NAME=LKnee_Power 
/FUNCTION=JOINT_POWER 
/SEGMENT=LSK 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=LTH 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Right Ankle Power 
Compute_Model_Based_Data 
/RESULT_NAME=RAnkle_Power 
/FUNCTION=JOINT_POWER 
/SEGMENT=RFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=RSK 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORM
ALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 
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Left Ankle Power 
Compute_Model_Based_Data 
/RESULT_NAME=LAnkle_Power 
/FUNCTION=JOINT_POWER 
/SEGMENT=LFT 
/REFERENCE_SEGMENT= 
/RESOLUTION_COORDINATE_SYSTEM=LSK 
! /USE_CARDAN_SEQUENCE=FALSE 
/NORMALIZATION=TRUE 
/NORMALIZATION_METHOD=DEFAULT_NORMALIZATION 
! /NORMALIZATION_METRIC= 
! /NEGATEX=FALSE 
! /NEGATEY=FALSE 
! /NEGATEZ=FALSE 
! /AXIS1=X 
! /AXIS2=Y 
! /AXIS3=Z 
! /TREADMILL_DATA=FALSE 
! /TREADMILL_DIRECTION=UNIT_VECTOR(0,1,0) 
! /TREADMILL_SPEED=0.0 

Recalc 
Recalc 

Open Report Template 
Open_Report_Template 
! /REPORT_TEMPLATE= 
! /SET_PROMPT=Open report template 

File Save 
File_Save 
! /SET_PROMPT=Save CMO file 

 

 

 

 

 


