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Abstract

Hip joint is one of the important load bearing joints and has been extensively
studied to investigate contact mechanics and tribology. It has known to experience
high contact forces and stresses. However, cartilage shows remarkable lubricating
and wear properties, and survives the lifetime of a person. Biphasic lubrication
based on the principle of fluid load support has provided an explanation for this.
However, when, the cartilage fails the part or whole of the joint needs to be
replaced and hemiarthroplasty is one such remedy.

Three-dimensional finite element models with elastic/hyperelastic cartilage
have been used to investigate contact mechanics of the hip joint. However, to
understand the role of interstitial fluid in contact mechanics and tribology, cartilage
has to be modelled as biphasic material. Interventions such as hemiarthroplasty
may alter this phenomenon and hence it is also important to know the extent of this
effect. This study was thus an attempt to address these issues.

An algorithm developed earlier for 2-D problems was refined, adapted and
tested for 3-D problems to detect nodes in contact to impose surface fluid flow
conditions. This was then used in natural hip joint where fluid load support was
found to be very high (~94%). Three-dimensional hemiarthroplasty was then
experimentally verified using porcine hips. The methodology was then used to
investigate the effect of clearance in hemiarthroplasty which confirmed the earlier
findings that undersizing of the femoral head increases both contact and shear
stresses probably leading to cartilage erosion. The investigation of the activities of
daily living showed lower contact stresses when compared to the outcomes of
clinical studies and depended not only on the magnitude of the load but also on
their locations. In all the models the total fluid load support was very high and was
between ~90% which supported the biphasic lubrication hypothesis.



vii

Contents
Jointly Authored PUublications ... iii
ACKNOWIBAGEMENT ... e iv
A STIACT .. Vi
CONTENTS ittt e et Vvii
0 81 X
TADIES ettt ettt et e n e e e e rnnnne e Xiv
AbDreviations/Terms USE.........c.uuiiiiiiiiiiiiiiiiiei et XVi
Chapter 1 Introduction and Literature ReVIeW ...........c.uuciiiiiiiiiiiiiiiiiiiie e 1
I = = T3 (o | (o 11 ] o 1
1.2 HIP JOINE ..o 3
1.2.1 JOINE STIUCTUIE ...ttt 3
1.2.2 ProxXimal FEMUI .........uviiiiiiiiiiiiit e 4
1.2.3 AcetabUulumM. ... 4
1.3 Articular Cartilage.........ueeiiiieeiieeece e e 7
L3 L SHUCIUME ... 7
1.3.2 Constitutive FOrmulations ..o 9
1.4 Hip Joint: KINEMALICS ......uuiiiieiiieciiiie e e e 10
1.5 Hip JOINt: KINELICS....coviiiiiii i 12
1.5.1 Theoretical STUIES .........cooviiiiiiiiiiii 13
1.5.2 Experimental and Clinical Studies.........ccccccceeiviiiiiiiiiiicieeeeeee, 21
G =1 o] 1] o To] 0] |V 2SR 24
.61 FrICHON. .o 24
L.6.2WeAN. ..o 26
1.6.3 LUBIICALION ...ceveiieiiiiiiiet e 26
1.6.3.1 Biphasic Lubrication ..............ceiiiiieiiiiiiiiiiiee e 26
1.6.3.2 Other Lubrication MechaniSms............cccooecuvviiiiieeeininninns 28
1.7 OStEOAINNIITIS ....cceiiiiiiiiiiiicce e 30
1.7.1 The Disease and itS EtiolOgY .........cceeeiveeeiiiiiiiiiieeeeeeeiee e 30

A 151 1] A V/=] 1[0 1 30



viii

1.7.3 Hemiarthroplasty........ooov oo 32

1.8 Contact Mechanics of Hip JOINt ........cccoooiiiiiiiiiiiii e 36

1.8.1 TheoretiCal STUAIES .........ccceiiiiiiiiiiiiiiicee e 37

1.8.2 Experimental and Clinical Studies...........ccccceeiiiiiiiiiiiiiiiieeeeee 40

1.8.3 Finite Element/Numerical StUdIi€sS .............oooccviiiiiiiiiiiniiiiiiieee. 46

1.9 AIMS and ODJECHIVES......uuuii i e e e e e aaaaaas 54

S I o L 54

1.9.2 ODJECHVES ... oo e e e 54

Chapter 2 Contact Mechanics of Articular Cartilage .........ccooveeviiiiiiieeiieiinnnnnn, 55

2.1 INEOAUCTION ... 55

2.2 Models and Methods ... 56
2.2.1 Contact formulation, detection and imposition of fluid flow

boundary conditioNS.........ccoooeiiiiiiiiiii 56

2.2.2 A Rigid Impervious Surface against Cartilage Surface................. 61

2.2.3 Cartilage Surface against Cartilage Surface ...........cccccvvvvvvvveennee. 63

2.3 RESUILS ... 66

2.4 DISCUSSION .....uttiitiee ittt ettt e ettt e e e e e e e e e e ennnes 73

Chapter 3 Natural Human Hip Joint: Contact Mechanics and Fluid Load

YU o] o]0 ] PP SPPPT 77

G0 I [ g1 0T [ BT i [0 o IO PP PP P PP PP PPPPPPPPPPPPPPP 77

3.2 Model and Methods............uvviiiiiiiiiii e 77

BB RESUILS ... 82

3.4 DISCUSSION ...ttt ettt et s e e e e e e e e e e 84
Chapter 4 Porcine Hip Joint: Hemiarthroplasty Validation .....................c........ 88
4.1 INFOTUCTION ...ttt e e e e e 88

4.2 Model and MethOUS..........uviiiiiiiiiiiiiiieeeee e 88
4.2.1 Material properties derivation...........ccccovveeeiiiiiiiiiii e 89

4.2.2 Porcine acetabular cup — validation process...........ccccceeevvvvvnnnnnn. 96

4.2.2.1 Experimental Measurement of Contact Stress and

ATBA .. 96
4.2.2.2 uCT Scanning and Segmentation...................eevvveeeeeennn. 100
4,223 FEMOCEl ...ooiiiiiiiiiiiii 102

G o LYo U] | 105



R 1101 U £=X=] [ o [T

Chapter 5 Human Hip Joint with Hemiarthroplasty: Effect of Clearance
ON FlIUid LOo@d SUPPOIT ... e s

5.1 INFOTUCTION ...vviiiiiieee ittt e e

5.2 Model and Methods............ooiiiiiiiiii e

5.3 RESUILS ...t

5.4 DISCUSSION .....utttiiiieee ittt ettt e ettt e e e e e e e e e
Chapter 6 Applications of Hemiarthroplasty Model - Gait Analysis...............
6.1 INTrOAUCTION ..o

6.2 Models and Methods .............ooooiiiiiiiiii e

6.3 RESUILS ...t

6.4 DISCUSSION.....cciiiiiiiiiie e
Chapter 7 Overall Discussion and ConcluSioNS ........cc.eeiiiiiiiiiiiciiie e
7.1 FE modelling of Natural Hip Joint and Hemiarthroplasty.......................

7.2 CONCIUSIONS. ....coiiiiiiiieee e

7.3 Promising Potential .............ooouviiiiiiii i
RETEIENCES ...
Appendix A Sample INPUL FIleS. ..o
A.LNatural Hip JOINt ... e

A.2 Hip Joint with Hemiarthroplasty..........cccooooiiiiiiiiiiii e,
Appendix B Pseudo Code of FORTRAN User Subroutines ..........cccccvvvvennnn.
B.1 Cartilage Surface against Cartilage Surface............ccccccvvveeiiiiiiiiiiinnnnnn.

B.2 A rigid Impervious Surface against Cartilage Surface ...............cccc.......
Appendix C Verification of Biphasic Jump Condition................ccoovvvvviennnn.
Appendix D Mesh Sensitivity ANalySiS........cooiiiiiiiiiiii e
AppendiXx E PUDIICAtIONS .......iiiiie e
E.LPUDNSNEA ... ..o
E.1.1 JOUMAIS ..oeeiiiiiiiiii ettt

E.1.2 CONfEIENCES ... ...t

E.2 Under Review/Submitted ...
E.2.1 JOUMAIS ..oeeiiiiiiiiiit et

E.3To be SUDMITEd .......oeviiiiiiiiiii e

E.3.1 JoUrNalS/CONTEIENCES .. .c.ueeeeeee ettt e e



Figures
Figure 1.1 Hip Joint (Orthopaedics, 2007)......ccoeeieuieeriieeee e 3
Figure 1.2 Left Proximal Femur (Palastanga et al., 2006) ...........cccooovveiiiiieiiiiinnennnn. 4
Figure 1.3 Left Hip Bone in Lateral View (Palastanga et al., 2006).......................... 5
Figure 1.4 Acetabulum (Palastanga et al., 2006) ..........ccoovriiiiiiiiiiie e 6
Figure 1.5 Acetabulum with labrum (Palastanga et al., 2006) .............ccooveevivunnnnn.n. 6
Figure 1.6 Layered structure of Articular Cartilage (Mow and Huiskes, 2005) ......... 8

Figure 1.7 Cartilage structure showing surface lamina and boundary layer (Forster
and Fisher, 1999) ... ..o 9

Figure 1.8 Range of motion during one cycle of normal walking (Bergmann, 2001)

Figure 1.9 Typical two peak variation of resultant hip joint force versus time for

normal walking (Bergmann, 2001) ..........coiiiiiiiiiiiiiiiie e 13
Figure 1.10 Unipolar Head (Courtesy: DEPUY) .........uueiiiiiiiiiieie e 33
Figure 1.11 Bipolar Head (Courtesy: DEPUY) .......ccouuuiiiiiieiiiiiiee e 35
Figure 2.1 Flowchart of the proposed algorithm ... 59

Figure 2.2 Finite element mesh of axisymmetric model of articular cartilage with a
rigid spherical INAeNTEr.......... oo e 63

Figure 2.3 Finite element mesh of axisymmetric model of joint contact mechanics of
identical articular cartilages with node N1 0.2 mm below lower cartilage
SUITAICE ...ttt 64

Figure 2.4 Distribution of contact pressure at the cartilage surface after (a) 2
seconds and (b) 1000 seconds for different surface flow conditions............. 67

Figure 2.5 Distribution of pore pressure at the cartilage surface after (a) 2 seconds
and (b) 1000 seconds for different surface flow conditions.............cc............ 68

Figure 2.6 Fluid velocity directions after 1000 seconds for (a) contact dependent,
(b) free flow and (c) sealed surface flow conditions............ccccccceevieieiiieinnnnnn. 69

Figure 2.7 Distribution of contact pressure at the cartilage surface after (a) 2
seconds and (b) 1000 seconds with contact dependent surface flow
conditions for different element typPes........coooriiiiiiiiiie 70



Xi

Figure 2.8 Distribution of pore pressure at the cartilage surface after (a) 2 seconds
and (b) 1000 seconds with contact dependent surface flow conditions for
different element tYPeS. ...... i 71

Figure 2.9 Fluid pore pressure and solid compressive axial stress over time at node
N1 cartilage-cartilage and equivalent models when non-linear geometry was
NOE CONSIABTEM ... 72

Figure 2.10 Fluid pore pressure and solid compressive axial stress over time at
node N1 cartilage-cartilage and equivalent models when non-linear geometry
WAS CONSIAEIEA ...ttt e e eee e 72

Figure 2.11 Fluid velocity directions after 300 seconds (a) in the contact zone (b) at

the end of the contact zone; of the lower cartilage ...........ccccooeeeiiiiiiiiiennnnnn. 73
Figure 3.1 FE model of natural hip JoINt..........cooiiiiiiii e 78
Figure 3.2 Axisymmetric and three-dimensional model of ball and cup.................. 81

Figure 3.3 Contour plots of fluid pressure (MPa) after 1 second of loading in a)
axisymmetric and b) 3D MOdeIS.........uuiiiiiiiiii e 83

Figure 3.4 The contour of fluid pressure (MPa) on acetabular cartilage contact

surface after 1 second of 108dING ........oooeiiiiiiiiiiii e 83
Figure 3.5 Fluid velocity vectors after 1 second of loading ..........cccooeevveveiiiiinnnnnn. 84
Figure 4.1 Flowchart for experimental validation of hemiarthroplasty .................... 89
Figure 4.2 Porcine acetabular cartilage pin of 9 mm diameter.............ccccccvvvennnnnn. 91
Figure 4.3 Location of porcine acetabular CUp PiNS .........ooovvviiiiiiieiiiie e 91
Figure 4.4 Radius of curvature measurement using Talysurf ............cccccevivinnnnnnn. 91
Figure 4.5 Thickness measurement of cartilage using Nikon profile projector ....... 92
Figure 4.6 Indentation of porcine acetabular cartilage pin...........c..oooevvvveiiiiiennenn. 93
Figure 4.7 Mean deformation curve for cartilage pins (n=21, Mean+SD)............... 94
Figure 4.8 Geometry and FE Model of average cartilage pin ............cccceevvvinnnnnn. 95

Figure 4.9 Vertical loading of acetabular cup using Instron and the use of Fuji film to

measure contact stress and CONtACt Area..........ccceevvveerueeeriieeeiieeeiiee e 97
Figure 4.10 Typical loading curve on INStroN............uiiiiiiiiiiiice e 98
Figure 4.11 Measuring acetabular cup orientation using CMM.............cccevvvennnnn. 100
Figure 4.12 Flowchart for converting uCT data into FE model.............cccccceennnon. 100

Figure 4.13 A typiCal UCT SICE ... 101



Xii

Figure 4.14 Segmented acetabular cup from pCT ........ccooiiiiiiiiiis 102
Figure 4.15 A typical FE model of acetabular bone............ccccciieiiiiiiieie. 103

Figure 4.16 Acetabular cartilage mesh generation using blocks in IA-FEMesh

(Grosland et al., 2009) ......oouuuuiiiie e e 103
Figure 4.17 A typical final porcine acetabular cup FE model..............ccooevviiinnnnnnn. 104
Figure 4.18 FE Curve fitting to experimental deformation plot.................ccccccnnnne 105

Figure 4.19 FE deformation curve for a longer duration corresponding to the one in
FIQUIE 418 ..ottt 106

Figure 4.20 Rosette pattern of Fuji film after the removal of load ............c............ 106

Figure 4.21 FE model prediction of the contact stresses in MPa (Refer Table 4-6 for
SPECIMEN NUMDEIS) .ottt e e e e e e es 107

Figure 5.1 FE model of hip hemiarthroplasty...........cccceoviiiiiiiiii 114

Figure 5.2 Contour plots of contact stresses and fluid pressure (MPa) after 3
seconds of loading for radial clearance of (a) 0.0 (b) 0.5, (¢) 1.0 and (d) 2.0

Figure 5.3 Variation of peak contact pressure with time for different radial
ClEATANCES ... oo 117

Figure 5.5 Variation of percentage contact area with time for different radial
ClEATANCES ... 118

Figure 5.6 Variation of total fluid load support with time for different radial
ClEATANCES ... 119

Figure 6.1 Anatomic regions of acetabular cartilage (A) Lateral roof, (B) anterior
horn, (C) medial roof, (D) posterior horn (Yoshida et al., 2006)................... 124

Figure 6.2 Node N1 at which fluid velocity was monitored during first cycle of slow,
normal and fast WalKing ..........coove oo 125

Figure 6.3 Hip joint contact forces during different activities of daily living
(Bergmann, 2001 ......ccooiieeiiiiie et e e eeaeeaa 126

Figure 6.4 (a) Peak contact pressure, (b) peak fluid pressure, (c), (d) acetabular
contact area and (e) total fluid load support during first cycle of slow, normal
aNd faSt WaAIKING ... 128

Figure 6.5 Total fluid load support for five normal walking cycles..........cccccccen..... 129



Xiii

Figure 6.6 Contours of contact stresses (MPa) in acetabular cup during different
phases of first cycle of normal walking (A — Anterior; P — Posterior; M —
Medial; L — Lateral) ......oooeeeieeeeii e 130

Figure 6.7 Contours of contact stresses at 84% of first walking cycle .................. 131

Figure 6.8 Fluid velocity at node N1 during first cycle of slow, normal and fast
17122 1| T S 131

Figure 6.9 (a) Peak contact pressure, (b) peak fluid pressure, (c), (d) acetabular
contact area and (e) total fluid load support during first cycle of standing up
AN SILHNG OWN ... e e e e eeeeenees 132

Figure 6.10 (a) Peak contact pressure, (b) peak fluid pressure, (c), (d) acetabular
contact area and (e) total fluid load support during first cycle of going down
stairs and climbing StAIrS........coooiiiiiiiii e 133

Figure 6.11 (a) Peak contact pressure, (b) peak fluid pressure, (c), (d) acetabular
contact area and (e) total fluid load support during first cycle of knee bending
and standing 0N ONE [8Q........i i i i 134

Figure C.1 Two-dimensional plane strain model of contact mechanics of poroelastic
BIEBMEBNIS ... 201

Figure C.2 Fluid velocity vectors after 1 second of loading for (a) free flow, (b)
sealed surface flow and (c) contact dependent surface fluid flow conditions

Figure D.1 First uniform mesh used for mesh sensitivity analysis discussion........ 204



Xiv

Tables
Table 1-1 Publications and the methods used for deriving hip joint forces ............ 15
Table 1-2 Peak hip joint forces predicted by different analytical studies................ 16

Table 1-3 List of objective functions/constraints in optimisation models used by
different reSEarCNErS ... 18

Table 1-4 Peak hip joint forces measured in different experimental and clinical
STUTIES ettt 22

Table 1-5 Peak hip contact stresses predicted by different analytical studies in
(gTo] g = 1IN o | £ UPTR 38

Table 1-6 Peak hip contact stresses measured in different experimental and clinical
STUTIES ettt 41

Table 1-7 Peak hip contact stresses predicted by different finite element/numerical
STUTIES ettt 49

Table 2-1 Material properties used in the model of cartilage indentation with
spherical indenter (Spilker et al., 1992; Goldsmith et al., 1995; Warner, 2000)

Table 2-2 Material properties used in the model of joint contact mechanics of
articular cartilages (Federico et al., 2004) ..........cceiiiiiiiiiiiiiiii e 65

Table 3-1 Elements used for the cup and ball model.............cccccoeeiiiiiiiiee . 81

Table 3-2 Comparison of two- and three-dimensional cup and ball model for
VALIHALION ...ttt nnnn 82

Table 4-1 Accuracy and Resolution of the instrumentation/machines used for
experimental Validation .............coooiiiiiiii e 90

Table 4-2 Weights of the individual components of indenter loading assembly ..... 93
Table 4-3 Parameters used to convert colour intensity into contact stresses ........ 98

Table 4-4 Percentage of body Weight (with reference to 400 N) used in the

validation process of FE models ... 99
Table 4-5 Number of elements used in FE models of each specimen.................. 105
Table 4-6 Experimental results and FE predictions of contact area...................... 107

Table 4-7 Experimental results and corresponding FE predictions of peak contact
] (ST L S PP 107



XV

Table 4-8 FE predictions of total fluid load support (TFLS).........c.ceeiiiieeiieeeeinnnnn. 108
Table 5-1 Elements used in Hemiarthroplasty Model ..............ccccciiiiiiiiiiiiieeiinn, 115
Table 6-1 List of activities with their start and end (Bergmann et al., 2001).......... 124

Table 6-2 Maximum peak contact pressure with corresponding peak fluid pressure,
contact area and total fluid load support (TFLS) for different activities and
where and when they OCCUITed ..........oooiiiiiiiiiiiii e 127

Table 6-3 Average total fluid load support (TFLS) for different activities............... 128

Table C.1 Material properties used in the biphasic jump condition model (ABAQUS.,
2007 and Federico et al., 2004) .....coouuuiiiiee e 202

Table D.1 Predictions in mesh sensitivity analysis ...........cccoeeivieeiiiiiiiineeeeieeeeinnns 205



XVi

Abbreviations/Terms Used

AVN — AVascular Necrosis

BW — Body Weight

DMOAD — Disease-Modifying OA Drug

ECM — Extra-Cellular Matrix

FE — Finite Element

HA — Hyaluronic Acid

NSAID — Non-Steroidal Anti-Inflammatory Drug
OA — OsteoArthritis

PEEK — PolyEtherEtherKetone

RA — Rheumatoid Arthritis

CAX4 — Four-node bilinear

CAX4P - Four-node bilinear displacement and pore pressure
C3D4 — Four-node linear tetrahedral elements
C3D6 — Six-node linear triangular prism

C3D8 - Eight-node linear brick

C3D8RP — Eight-node trilinear displacement and pore pressure,
integration

reduced



Chapter 1 Introduction and Literature Review

1.1 Background

Diarthrodial synovial joints allow free movement of the bones and are
characterized by a synovial cavity, connective tissue and the cartilage covering
each of the articulating ends of the bones (Tortora and Grabowski, 2004) acting as
a bearing material. For example, articular cartilages in the hip joint cover the
acetabular cavity and the femoral head. This articular cartilage has remarkable
lubricating properties with a very low coefficient of friction in the range of 0.001 to
0.02 (Mow and Lai, 1980; Macirowski et al., 1994; Persson, 2000) and low wear
rates (Lipshitz and Glimcher, 1979; Mow and Lai, 1980; Mow and Huiskes, 2005).
Though, it normally survives the life time of a person, sometimes it suffers
degradation and wear due to many factors including age, improper use like extreme
sports, injury, trauma, wear and tear, and congenital diseases (Meachim, 1980;
Yang, 2003).

The healthy cartilage supports a wide range of complex loads, as high as 7 —
9 times body weight (BW) (Crowninshield et al., 1978; Bergmann et al., 1993) and
motions at different speeds ranging from 0.06 m/s to 0.6 m/s (Mow, 1969) and yet is
able to provide excellent lubrication mechanism over these differing and at times
conflicting loading regimes. Different Ilubrication mechanisms such as
hydrodynamic, elasto-hydrodynamic, boundary, boosted, weeping and biphasic
lubrication have been hypothesised to explain the remarkable tribological
performance under a wide variety of operating conditions in synovial joints. Biphasic
lubrication which is due to the load partitioning between solid and fluid phases was
proposed in 1980s as a potential explanation for wide variety of cartilage lubricating
properties (Mow and Lai, 1980). However, the role of interstitial fluid in lubrication
was hypothesised long before cartilage properties were explained using biphasic
theory (Lewis and McCutchen, 1959; McCutchen, 1959).

In unhealthy cartilage, these lubricating and wear properties are
compromised, e.g. as in osteoarthritic cartilage. Osteoarthritis (OA) is a
degenerative disease of the articular cartilage in which it gets degraded ultimately
leading to a complete breakdown thus initiating bone to bone contact causing pain.
The initiation of cartilage breakdown is still unknown; however, it is thought to be
induced due the mechanical factors causing structural as well as biochemical
changes (Radin et al., 1978; Muehleman and Arsenis, 1995; Aigner and McKenna,



2002). There are many ways of treating OA and treatment generally falls into three
broad categories; non-pharmacological, pharmacological and surgical treatments
(Carrabba and Sarzi-Puttini, 2004).

Hemiarthroplasty is one of the surgical treatments often preferred by
surgeons; e.g. in hip joint the diseased or damaged femoral head is replaced with a
metallic prosthesis which then articulates with the natural acetabular articular
cartilage. This may alter the tribology of the joint leading to complications.

The hip joint is one of the most studied human diarthrodial joints owing to its
relative simplicity in geometry (ball and socket) and kinematics apart from it being
“one of the largest and most heavily loaded joints” (Dowson et al., 1981a). Most of
the studies on the hip joint have been in vitro or in situ under laboratory conditions
(Rushfeldt et al., 1981a; Brown and Shaw, 1982; Brown and Shaw, 1983; Ferguson
et al., 2003) or in vivo using instrumented prosthesis (Rydell, 1966; Hodge et al.,
1986; Bergmann et al., 1988; Hodge et al., 1989; Carlson, 1993; Park et al., 1999;
Bergmann et al., 2001; Morrell et al., 2005). However, these are mostly invasive
techniques. The use of CT, MRI and ultrasound is on the rise but mostly in
morphological in vivo studies or for fracture determination (Jonsson et al., 1992;
Nakanishi et al., 2001; Naish et al., 2006; Barkmann et al., 2009; Keller and Nijs,
20009).

However, contact mechanics and tribological studies, especially those
involving parametric evaluations, are time-consuming and difficult to be carried out
experimentally and clinically. Moreover, non-invasive studies are not possible using
these models and always one or both the cartilages are sacrificed in clinical studies
involving instrumented prosthesis. One of the ways to overcome this problem is to
use mathematical models (Paul, 1967; Seireg and Arvikar, 1975; Ipavec et al.,
1999; Daniel et al., 2001; Mavcic et al., 2002) which have become more accurate
over time (Brand et al., 1994; Stansfield et al., 2003).

Numerical modelling such as finite/discrete element modelling is another
alternative to study joints non-invasively (Rapperport et al., 1985; Ferguson et al.,
2000a; Bachtar et al., 2006; Yoshida et al., 2006; Anderson et al., 2008; Harris et
al., 2009). However, some of these models are geometrically simplified and most
do not take into account the effects of biphasic lubrication which is known to reduce
the coefficient of friction due to load partitioning (Mow and Lai, 1980). Moreover,
these models have not investigated the relationship between fluid load support in
the cartilage and contact mechanics in a whole hip joint within physiological loading
regimes. This study thus aims to correct this anomaly by proposing a methodology
to model three-dimensional human hip joint with natural cartilages as well as
hemiarthroplasty joints.



1.2 Hip Joint

1.2.1 Joint Structure

The hip joint is a synovial and diarthrodial joint in the pelvic region. It is
enclosed in a synovial cavity and is capable of rendering free movements of the
bones forming the joint (Tortora and Grabowski, 2004). It is typically a ball and
socket joint as shown in Figure 1.1. It is the joint formed by the ball at proximal end
of the femur and the acetabulum in the hip bone. It joins the superior and inferior
parts of the body.
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Synovial Membrane

Femoral Head

Ligament and Joint Capsule
Femur

Figure 1.1 Hip Joint (Orthopaedics, 2007)

It is designed more for stability and withstanding high loads rather than
mobility (Drake et al., 2005). The moving ends of the bones are covered with
hyaline articular cartilages. The joint has two articulating components; proximal
femur and acetabulum.



1.2.2 Proximal Femur

The femur is the longest and the strongest bone in the body and its proximal
end has a head which is connected to the bone shaft by a neck (Gray, 2000; Drake
et al., 2005) (Figure 1.2). The head of the femur is approximately spherical and is
covered with articular cartilage except for a small area called fovea on the medial
surface for ligament attachment (Gray, 2000; Drake et al., 2005). The neck of the
femur is inclined at approximately 125° to the shaft (Drake et al., 2005) in males
and is almost at right angle to the shaft in females (Gray, 2000). Apart from
superior-medial projection, the neck is also inclined anteriorly to the shaft by an

angle of around 12° — 14° (Gray, 2000).
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Figure 1.2 Left Proximal Femur (Palastanga et al., 2006)

1.2.3 Acetabulum

The pelvic bone or the hip bone is the fusion of three different bones; ilium,
ischium and pubis (Gray, 2000; Drake et al., 2005) as shown in Figure 1.3. The
acetabulum is “a deep, cup-shaped, hemispherical depression” (Gray, 2000) in the
pelvic bone where its three constituent bones fuse (Drake et al., 2005) and is

directed inferiorly and anterolaterally (Gray, 2000).
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Figure 1.3 Left Hip Bone in Lateral View (Palastanga et al., 2006)

The deep notch at the inferior acetabular margin called the acetabular notch is
continuous with a rough non-articular depression called acetabular fossa which is
located in the central inferior part of the acetabulum and provides for femoral head
ligament attachment (Gray, 2000; Drake et al., 2005). The remaining surface also
called the lunate surface of the acetabulum is covered with “crescent-shaped”
articular cartilage and covers “anterior, superior and posterior margins of the
acetabular fossa” (Drake et al., 2005). The lunate surface is the broadest at the
superior part “where most of the body’s weight is transmitted through the pelvis to
the femur” (Drake et al., 2005). See Figure 1.4.
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Fibrocartilage called acetabular labrum is attached to the superiorly thick and
strong uneven rim of the acetabular cavity thus deepening it (Gray, 2000) as shown
in Figure 1.5. This “labrum bridges across the acetabular notch”, forming the
transverse acetabular ligament (Drake et al., 2005). The femoral head ligament
(ligamentum teres) is a flat band-like tissue with one end attached to the fovea and
“the other end to the acetabular fossa, transverse acetabular ligament and margins
of the acetabular notch” (Drake et al., 2005). This entire assembly is then covered
by the synovial membrane to form the synovial cavity.

1.3 Articular Cartilage

The articular cartilage covering each of the moving ends of the bones in
synovial joint is avascular, aneural and an excellent bearing material with
exceptional tribological properties.

1.3.1 Structure

The cartilage is made up of extra-cellular matrix (ECM), chondrocytes and
water. The interstitial water containing dissolved electrolytes is around 60 — 80% of
the total wet weight (Linn and Sokoloff, 1965; Mankin and Thrasher, 1975; Lipshitz
et al., 1976; Lai and Mow, 1980; Armstrong and Mow, 1982; Macirowski et al.,
1994; Olsen and Oloyede, 2002). The ECM is a reinforced structure consisting of a
dense network of collagen type Il fibres and proteoglycan gel with a high degree of
cross-linking. The cartilage structure is inhomogeneous, non-linear, anisotropic and
exhibits time-dependent behaviour (Elmore et al., 1963; Edwards, 1966; Kempson,
1979; Lai and Mow, 1980; Mow et al., 1980; Mow and Huiskes, 2005).

Its thickness varies depending upon species, joints, location within joints and
age. The range of values in the literature is quite high; from 0.023 mm (mouse
ankle) to 6.25 mm (human knee) (Simon, 1970; Ateshian et al., 1991). In the human
hip joint, the cartilage thickness in the acetabulum and on the femoral head range
approximately from 1 — 3 mm (Armstrong and Gardner, 1977; Rushfeldt et al.,
1981a; Adam et al., 1998; Nakanishi et al., 2001; Wyler et al., 2009). However,
cartilages thinner than 1 mm and thicker than 3 mm have also been found
(Armstrong and Gardner, 1977; von Eisenhart et al., 1999; Naish et al., 2006; Wyler
et al., 2009). Average thickness of the femoral head cartilage has been found to be
significantly greater than the acetabular cartilage but the same does not apply to
maximum thickness (Adam et al., 1998; von Eisenhart et al., 1999). Moreover, the



thickest cartilage in both acetabulum and femoral head is mostly ventral in the
acetabular dome and it is thought to be related to the dynamic weight-bearing areas
(Adam et al., 1998; von Eisenhart et al., 1999). A decrease in cartilage thickness
with age has also been observed (Adam et al., 1998; von Eisenhart et al., 1999).
Techniques such as needle indentation (Shepherd and Seedhom, 1999),
microscope (Kurrat and Oberlander, 1978), X-rays (Armstrong and Gardner, 1977),
CT (Wyler et al., 2009), MRI (Naish et al., 2006) and ultrasound (Adam et al., 1998)
have been used to calculate the cartilage thickness,

Articular cartilage shows a layered structure along its depth with 4 primary
zones; superficial tangential zone (STZ), middle zone, deep zone and calcified zone
(Figure 1.6). The water and collagen contents decrease from STZ to deep zone.
Proteoglycan content is the maximum in the middle zone. The chondrocyte shape
and size also vary with the depth. The collagen fibrils are densely packed and
arranged parallel to the surface in the STZ. They are oriented randomly in the mid
zone whereas in the deep zone they are bundled together and are perpendicular to
the tide mark thus anchoring the cartilage onto the bone (Davies et al., 1962;
Stockwell and Scott, 1967; Weiss et al., 1968; Muir et al., 1970; Clarke, 1971; Mow
et al., 1974; Lane and Weiss, 1975; Redler et al., 1975; Lipshitz et al., 1976; Torzilli,
1985; Torzilli, 1988; Mow and Huiskes, 2005).
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Figure 1.6 Layered structure of Articular Cartilage (Mow and Huiskes, 2005)

It has been shown in various forms that two more layers (Figure 1.7); viz.
surface lamina of proteoglycans and boundary layer of phospholipids and
glycoproteins are present above the STZ (MacConaill, 1951; Balazs et al., 1966;
Weiss et al., 1968; Wilkins, 1968; Walker et al., 1969; Swann et al., 1981; Ghadially



et al., 1982; Stanescu and Leibovich, 1982; Orford et al., 1983; Orford and Gardner,
1985; Forster and Fisher, 1999). Both these layers are acellular and non-
collagenous.
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Figure 1.7 Cartilage structure showing surface lamina and boundary layer
(Forster and Fisher, 1999)

1.3.2 Constitutive Formulations

Articular cartilage is inhomogeneous, non-linear, anisotropic and multiphasic
(Goldsmith et al., 1996; Sun et al., 1999). However the earliest models were linearly
elastic (Elmore et al.,, 1963; Sokoloff, 1966; Kempson et al., 1971; Hori and
Mockros, 1976). This formulation was sufficient to predict static, instantaneous and
equilibrium conditions but failed to take into account the time-dependent behaviour
of the cartilage. Thus, viscoelastic models were proposed (Hayes and Mockros,
1971, Parsons and Black, 1977; Hayes and Bodine, 1978). However, these models
could not explain the effect of fluid present in the cartilage.

Biphasic theory was proposed in 1980 (Mow et al., 1980) according to which
cartilage was composed of two phases; a fluid phase representing water and
dissolved electrolytes and a solid phase representing collagen fibres,
proteoglycans, chondrocytes and other components. Both the phases were
immiscible and incompressible individually. The solid phase was porous and
permeable and the compression of the cartilage was due to the fluid flow within the
porous permeable solid phase and its exudation. Due to the very low permeability
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of the cartilage, high resistance is offered to the fluid flow and this in turn induces
large drag forces (Lai and Mow, 1980; Kwan et al., 1984; Mow and Huiskes, 2005)
thus maintaining high fluid pressure over a long period of time.

With infinitesimal strain and constant permeability, this theory becomes linear
biphasic theory. However, cartilage deformation is non-linear with finite strains and
its permeability is dependent on compaction. Thus, Strain-dependent permeability
(Lai and Mow, 1980; Lai et al., 1981; Mow et al., 1984; Holmes, 1985; Holmes et
al., 1985; Holmes, 1986) and non-linear finite deformation (Kwan, 1985; Holmes,
1986; Holmes and Mow, 1990; Kwan et al., 1990) were incorporated in the biphasic
theory.

Biphasic theory is capable of explaining only the flow-dependent
viscoelasticity. Flow-independent viscoelasticity which is due to the ECM (Hayes
and Bodine, 1978) also contributes to the time-dependent behaviour of the
cartilage. Mak studied and incorporated this in the biphasic theory (Mak, 1986).
Through their uniaxial creep compression experiments, Setton and colleagues
showed that this flow-independent viscoelasticity plays an important role in
damaged cartilage (Setton et al., 1993) with high permeability where the fluid is
unable to support very high loads.

Subsequently triphasic theory (Lai et al., 1991) with separate phase for anions
and cations and quadriphasic theory (Huyghe and Janssen, 1997) with individual
anion and cation phases were also proposed.

1.4 Hip Joint: Kinematics

Gait analysis or locomotion of the hip joint and its component parts is
essential in the investigation of contact mechanics. A person goes through many
routine activities such as walking, climbing stairs, sitting or standing up on a daily
basis. The forces and stresses within the joint will differ based on these activities.
Hence, the temporal and spatial movements of the femoral head within the
acetabular cup need to be understood before attempting to investigate contact
forces, contact pressure, fluid load support and many other functional parameters of
interest. Apart from this, understanding locomotion of joints helps in “proper
diagnosis and surgical treatment of joint disease”, and designing better prosthesis
(An and Chao, 1984). It will also help in post-operative rehabilitation of the patients.

From the mechanical engineering perspective, the individual segments of the
joint can be represented as rigid bodies attached together at the joint and
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undergoing relative angular motion.

The hip joint renders a wide variety of motions to the body though limited in
extent to which it does this when compared to the shoulder joint. The hip joint is
capable of movements such as flexion, extension, adduction, abduction,
medial/inner and lateral/outer rotation and circumduction (Drake et al., 2005).
These movements are explained in the following paragraph assuming the person is
standing.

The flexion is the upward/forward motion of the femur relative to the upper
part of the pelvis whereas extension is the downward/backward motion (Gray,
2000). The more flexion, the lesser will be the angle between the femur and the
upper part of the pelvis. The opposite is the case for extension. Abduction and
adduction are the angular movements of the femur about a horizontal
anteroposterior axis. Abduction is the movement away from the medial plane
whereas adduction is towards it (Gray, 2000). The medial and lateral rotations are
rotary motions but are about the vertical/longitudinal axis. Medial rotation is towards
the centre of the body whereas lateral rotation is away from it. Circumduction is the
circular motion of the femur. In this motion the femur circumscribes a cone (Gray,
2000).

However, there is a limit on the range of motion involving these movements
due to different muscles and the structure of the joint and body itself. Normal hip
joint flexion is around 120° and extension is approximately 20° (Dowson et al.,
1981a; Palastanga et al., 2006). However, with external help these motions can be
extended further to 130° and 30° respectively (Palastanga et al., 2006). Abduction
and adduction are 45° each whereas total of medial and lateral rotation is around
90° (Dowson et al., 1981a; Palastanga et al., 2006).

The typical range of motion curves over one cycle of normal walking for an
average patient (Bergmann, 2001) are shown in Figure 1.8. The positive angles are
for flexion, abduction and outer/lateral rotation. The cycle starts at the heel strike.

To record the gait, skin markers are attached to the skin nearer the bony
landmarks. They are mostly flashing LEDs (Crowninshield et al., 1978; Rohrle et al.,
1984) or reflective markers (Heller et al., 2001). The movement of joints through
time is recorded using photographic cameras (Crowninshield et al., 1978) or movie
cameras (Paul, 1967) which capture the motion of the markers. In modern systems
these have been replaced by infrared cameras (Heller et al., 2001).
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Figure 1.8 Range of motion during one cycle of normal walking (Bergmann,
2001)

1.5 Hip Joint: Kinetics

The motion of the femoral head within the acetabular cup is accompanied by
forces which are introduced due to these motions, body weight and muscles. These
forces, particularly those within the contacting zone, have implications to the long
term survival of the joint and smooth functioning of the articular cartilage.

It is important to understand these forces for two reasons: 1) to understand
diseases like OA which are attributed to mechanical factors and 2) to help design
new prostheses which not only replace joint function but also give structural stability
to the whole musculoskeletal system (Paul, 1967). The first attempts to understand
joint kinetics date back to the late nineteenth and early twentieth century (Braune
and Fischer, 1890; Elftman, 1939; Paul, 1966; Paul, 1967). These joint forces
comprise of external forces as well as those exerted by the muscles. They are
typically calculated or measured from gait analysis studies (Bergmann et al., 1993;
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Brand et al., 1994). The forces had to be calculated in the earlier studies, using
mass and acceleration of the body parts, and mass itself was predicted from
corpses (Braune and Fischer, 1890; Paul, 1967). It was possible to measure the
foot-ground forces only after the development of the foot plate in the 1950s
(Cunningham and Brown, 1952). These along with the joint kinematics captured
using cameras are used to predict the joint forces (Paul, 1967). Instrumented
prosthesis have been used in several cases to measure these forces directly
(Rydell, 1965; English and Kilvington, 1979; Bergmann et al., 1988; Davy et al.,
1988; Brand et al., 1994; Bergmann et al., 2001).

A typical resultant hip joint force versus time curve for normal walking shows
two distinct peaks. The first of these peaks is just after the heel strike and the
second one is just before toe off (Figure 1.9).
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Figure 1.9 Typical two peak variation of resultant hip joint force versus
time for normal walking (Bergmann, 2001)

1.5.1 Theoretical Studies

Several mathematical/analytical gait mechanics studies have been conducted
over the years which gave insight into the function of the hip joint (Paul, 1967,
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Seireg and Arvikar, 1975; Crowninshield et al., 1978; Johnston et al., 1979; Rohrle
et al., 1984; Brand et al., 1994; Duda et al., 1997; Pedersen et al., 1997; Stansfield
et al., 2003). They have been successfully used in predicting the hip joint forces
along with those applied by muscle. However, one needs to exercise caution while
interpreting the predicted forces mentioned in different studies. In many cases, the
resultant hip joint force through the centre of the femur has already accounted for
the moments and forces due to the muscles (Rohrle et al., 1984). In some studies,
this is not done and so hip resultant forces will seem too low to be of physiological
significance (Crowninshield et al., 1978).

These mathematical models are inverse dynamics problems and hence
require kinematic and kinetic data as input, to predict joint forces, stresses, etc. The
geometrical parameters, masses, centre of masses and moments of inertia of the
bony segments of the joint are required in order to accurately model the joints.
These can be obtained from regression equations (Crowninshield et al., 1978; Park
et al., 1999) derived from statistical analysis of cadavers (Clauser et al., 1969;
Chandler et al., 1975) or living subject data (Young et al., 1983). Another way of
deriving these inertial properties is geometrical approximation (Jensen, 1978;
Hatze, 1980) or by using MRI techniques (Martin et al., 1989; Mungiole and Martin,
1990). Video-based systems (Sarfaty and Ladin, 1993) or 3-D laser scanning
(Wang et al., 2007) could also be used to measure the anthropometric data directly.
They are non-invasive and subject specific. The dimensional data have also been
derived from radiographs such as CT or X-ray (Heller et al., 2001; Stansfield et al.,
2003). This data is then used long with skin markers data to get the positions of
bony landmarks of the lower limbs during gait (Heller et al., 2001). The external
forces are captured using force plates (Paul, 1967; Crowninshield et al., 1978;
Heller et al., 2001). They measure foot-ground reaction forces in sync with camera
measurements. This data is then used to calculate internal joint forces.

Musculoskeletal mathematical model is an indeterminate problem as there are
usually more number of unknowns than the equations available to solve them (Iglic
et al., 2002). As such, they will have an infinite number of possible solutions. Two
methods have been primarily used in solving this indeterminate problem (Andriacchi
and Hurwitz, 1997); viz. the reduction method (Paul, 1967; Iglic et al., 1993c) and
the optimisation method (Seireg and Arvikar, 1973; Crowninshield et al., 1978).
Various publications which have used one of these two methods in deriving the hip
joint forces are listed in Table 1-1.
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Table 1-1 Publications and the methods used for deriving hip joint forces

Reference Method Used

(Paul, 1967) Reduction

(Duda et al., 1997) Reduction

(Iglic et al., 1993c) Reduction

(Seireg and Arvikar, 1973) Optimisation
(Seireg and Arvikar, 1975) Optimisation
(Crowninshield et al., 1978) Optimisation
(Johnston et al., 1979) Optimisation
(Crowninshield and Brand, 1981) Optimisation
(Rohrle et al., 1984) Optimisation
(Heller et al., 2001) Optimisation
(Stansfield et al., 2003) Optimisation
(Fraysse et al., 2009) Optimisation

In the reduction method, the number of unknowns in equilibrium equations is
reduced, so that the problem becomes determinate. To do this, e.g., Paul grouped
22 hip muscles into 6 groups and then ignored antagonistic muscle activities as he
was only interested in the activity between heel strike to the next heel strike when
these muscle activities are not significant (Paul, 1967). This reduced the number of
unknowns to six. The grouping of muscles was done based on an
electromyographic study in which the electrodes attached to the skin generated
electric signals based on activated muscles. The set of five equations of equilibrium
were then solved for level walking for limiting cases of joint forces by considering
the muscles with either the longest or shortest moment arm. Though the true value
would lie between these two values, the lower of the two was reported in the
absence of any verifiable criteria (Paul, 1967). The maximum of the first and second
peaks of hip joint force curve in normal walking (cycle time: 1.02 — 1.24 seconds;
average 1.13 seconds) were found to be 5.8 and 6.4 times the BW respectively.
The corresponding average values were 3.29 and 3.88 times BW respectively
(Table 1-2). In a more exhaustive study, a mean hip joint force of 4.9 times BW was
predicted for normal walking (Paul, 1976).
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Table 1-2 Peak hip joint forces predicted by different analytical studies

Reference Peak Hip Joint Force Activity
(x BW)
Max Average
(Paul, 1967) 6.4 3.88 | Walking (0.81 — 0.98 Hz)
(avg - 0.88 Hz)
(Seireg and Arvikar, 3.3 - | Stooping
1973)
(Seireg and Arvikar, 54 - | Level walking
1975)
(Paul, 1976) -- 4.9 | Slow walking (1.10 m/s)
-- 4.9 | Normal walking (1.48
m/s)

-- 7.6 | Fast walking (2.01 m/s)
-- 7.2 | Ascending stairs
-- 7.1 | Descending stairs

(Crowninshield et al., 5.0 4.3 | Walking (0.95 — 1.05
m/s)
1978) 7.6 -- | Ascending stairs
3.9 -- | Descending stairs
3.7 -- | Rising from chair (chair
height — 440 mm)
5.0 -- | Walking

(Crowninshield and
Brand, 1981)

- 4.1 | Walking (0.8 m/s)
-- 5.5 | Walking (1.2 m/s)
-- 6.9 | Walking (1.6 m/s)

(Rohrle et al., 1984)

(iglic et al., 1993c) 2.4 -- | One legged stance
(Brand et al., 1994) 4.0 3.5 | Walking (1.11 — 1.36
' m/s)
(Duda et al., 1997) 3.8 -- | Level walking
3.1 2.7 | Walking (1.08 m/s)
Heller et al., 2001 . .
(Heller et a ) 3.2 2.7 | Ascending stairs (step
height — 170 mm)
; 3.1 3.0 | Walking (avg - 1.00 m/s)
Stansfield et al., 2003 -
( ! ) 3.2 3.1 | Walking (avg - 1.43 m/s)
4.4 4.0 | Walking (avg - 1.86 m/s)
2.8 2.6 | Rising from chair
2.2 2.2 | Sitting on chair
4.5 3.8 | 2-1-2 leg stance
-- 4.0 | Walking

(Fraysse et al., 2009)

Duda and colleagues used the muscle forces and points of muscle insertions
obtained from earlier studies (Brand et al., 1982; Brand et al., 1986) in their quasi-
static walking model using force and moment equilibrium equations (Duda et al.,
1997). Their estimate of peak contact force was around 3.8 times BW just before
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toe-off. Though their model was not purely a reduction model, they did reduce the
number of unknowns by using the published values of muscle forces.

Iglic and colleagues reduced the number of unknowns by dividing nine muscle
segments into three groups and then assuming that the mean tension in a muscle
in any group was equal (Iglic et al., 1993c). The individual muscle force was
proportional to its relative cross-sectional area and average tension. There were six
equilibrium equations to solve for six unknowns; three for resultant hip joint force
components and three for muscle groups (Iglic et al., 1993c; Iglic et al., 2002). In
one legged stance, the hip joint resultant force was 2.4 times BW for an optimum
configuration of the pelvis with respect to its interhip half distance (84.5 mm -
neutral) and muscle insertion point on the iliac crest (Dostal and Andrews, 1981,
Iglic et al., 1993c).

Optimisation was used in 1973 to predict joint reaction forces and muscle
forces for the first time (Seireg and Arvikar, 1973). In this method, an objective
function is either minimised or maximised depending upon the problem to be solved
and can be formulated as either a linear or non-linear function. Since, the problem
is indeterminate, its solution space is infinite and in the musculoskeletal problem it
is continuous as well. Hence, there is a need to reduce the solution space. The
force/moment equilibrium equations are the constraints imposed on the system by
the need for the system to be in static/dynamic equilibrium (Seireg and Arvikar,
1973) and most of the time these are the only ones required. However, sometimes
additional constraints are needed. Objective functions and constraints used in
different studies are listed in Table 1-3.

Several functions such as minimizing muscle forces, muscle work to attain a
particular posture, vertical reaction forces at joints, ligament moments at joints and
the weighted sum of these parameters were investigated by Seireg and Arvikar to
study their feasibility using activities like standing, leaning and stooping (Seireg and
Arvikar, 1973). For stooping e.g., they found the maximum joint forces of 3.3 times
BW using ligament moment minimisation and, sum of muscle forces and weighted
moment minimisation criteria. This method was then extended to analyse normal
walking using minimisation of weighted sum of muscle forces and ligament
moments at the three joints of the lower extremity (Seireg and Arvikar, 1975). The
maximum resultant hip force, in the study, was found to be 5.4 times the BW. Unlike
in Paul's model, where a group of muscles was represented by a line between
centroid of insertions areas, this model used more realistic representation of the
individual muscles as the lines joining the point of origin and insertion point. The
limitation of this study was that no additional realistic constraints (other than
equilibrium equations and the values of all the variables to be non-negative) were
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placed on muscle forces (Seireg and Arvikar, 1973; Seireg and Arvikar, 1975).

Table 1-3 List of objective functions/constraints in optimisation models used

by different researchers

Reference

Objective function

Constraints

(Seireg and Arvikar, 1973)

Minimizing muscle
forces, muscle work to
attain a particular
posture, vertical reaction
forces at joints, ligament
moments at joints and
the weighted sum of
these parameters

1) Force/moment
equilibrium
2) All variables =0

(Seireg and Arvikar, 1975)

Minimisation of weighted
sum of muscle forces
and ligament moments

1) Force/moment
equilibrium
2) All variables 20

(Crowninshield et al.,
1978)

Minimise muscle forces

1) Force/moment
equilibrium

2) Only tensile muscle
forces

3) Maximum muscle
forces not to exceed
those proportional to
physiological cross-
sectional area of that
muscle

(Crowninshield and Brand,
1981)

Minimisation of sum of
muscle stresses to the n
power

1) Force/moment
equilibrium

(Rohrle et al., 1984)

Minimisation of total

1) Force/moment

power ‘3’

muscle forces equilibrium
(Brand et al., 1994) Minimisation of sum of 1) Force/moment
muscle stresses to the equilibrium

(Heller et al., 2001)

Minimisation of total
muscle forces

1) Force/moment
equilibrium

2) Muscle forces less
than 85% of
physiological muscle
force

(Stansfield et al., 2003)

1) Minimise maximum
muscle stresses

2) Minimise sum of
muscle and joint forces.

1) Force/moment
equilibrium

2) Muscle
stress/intensity less
than maximum value

(Fraysse et al., 2009)

Minimisation of sum of
muscle stresses to the
power ‘2’

1) Force/moment
equilibrium

Penrod and colleagues used the minimization of total weighted muscle forces
with the inequality constraint on muscle forces such that they could not be
compressive (Penrod et al., 1974). This was later used by Crowninshield and
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colleagues to minimise total muscle forces along with an additional constraint that
the maximum muscle force was not to exceed the value proportional to
physiological cross-sectional area of that muscle (Crowninshield et al., 1978). They
found the hip contact forces during walking (0.95 — 1.05 m/s) in normal patients to
be between 3.3 to 5 times BW (average 4.3 times BW) and were higher than those
reported clinically for patients with abnormal gait at that time (3.3 times BW)
(Rydell, 1966). They also reported contact forces of 7.6 times BW during stair
climbing.

In a somewhat similar study to that of Crowninshield and colleagues, a linear
optimization model was analysed by Heller and colleagues to compare measured
and calculated cycle-to-cycle hip contact forces (Heller et al., 2001). They used
minimisation of muscle forces as the objective function with the constraints placed
on maximum muscle forces. 85% of the physiologically possible forces were used
in the study as the maximum allowed. Normal walking (speed 1.08 m/s) and stair
climbing were modelled. The hip contact forces in both activities were between 2 —
3 times BW and calculated forces were both overestimated as well as
underestimated though the tendency was towards the former. The means of contact
forces differed by around 12% and 14% respectively for walking and stair climbing.

Minimisation of total muscle forces was also used as the objective function by
Rohrle and colleagues (Rohrle et al., 1984). The dependence of the hip joint forces
on walking speed was investigated by varying it between 0.8 — 1.6 m/s. Mean hip
joint forces of 2.9 — 6.9 times the BW were reported for varying gait speed. A linear
relationship was observed between the forces and the gait speed with the hip joint
forces increasing with the walking speed. The dependence of the hip resultant
forces, contact forces and other parameters on velocity has also been shown
previously (Paul, 1970; Crowinshield et al., 1978). Similar observations have been
reported for ground reaction forces (Andriacchi et al., 1977).

Crowninshield and Brand extended their study (Crowninshield et al., 1978) by
removing inequality constraints and instead using non-linear relationship of muscle
forces and their endurance. This was considered physiologically more relevant to
predict the muscle forces. They hypothesized that since the joint contact force
depended on the muscle forces, the selection of the muscles for different activities
may be such that the sum of muscle stresses to a power was minimized thus
allowing the activity to be carried out over longer time duration. This hypothesis was
used in the mathematical model for predicting the muscle forces rather than an
arbitrary criterion. However, the hip contact forces were still very high (maximum
around 3500 N) for walking. Assuming a subject of around 69 kg (used in the
previous study), this will be around 5.0 times the BW. However, they found an
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agreement between predicted muscle activity and those seen during
Electromyography studies monitored during gait (Crowninshield and Brand, 1981).

The endurance mathematical model was then used by Brand and colleagues
to compare hip joint forces with those from instrumented prosthesis (Brand et al.,
1994). The steady state free level walking speeds of 1.11 — 1.36 m/s were
investigated. The mean peak resultant forces were found to be in the range of 2.5 —
3.5 times the BW which compared well with those from instrumented prosthesis
(peak predicted forces were only 0.5 times BW higher than measured values).
However, the measurements with prosthesis implanted in one patient and
mathematical predictions were carried out at different times.

Optimisation techniques used in hip kinetics have improved since they were
first used. Objective functions and constraints have become more complex. Some
have also used a two-staged optimisation process in which maximum muscle
stresses were first minimized and then the sum of muscle and joint forces were
minimised. (Bean et al., 1988; Stansfield et al., 2003). This method ensured that
muscle forces were distributed in such a way that no particular muscle carried

excessive stress.

Stansfield and colleagues used this two-stage optimization process to derive
joint forces (Stansfield et al., 2003). Activities like walking with speeds 0.97 — 2.01
m/s, rising from a chair, sitting on a chair and 2-1-2 leg stance were modelled. The
forces were subject-specific (two subjects) and the mean differences in the
calculated and measured values were 13.45% and 18.11% for the two subjects
investigated. For the normal walk (1.43 m/s) the mean peak hip joint contact force
was around 3.1 times BW. The measured forces using instrumented prosthesis
during initial loading, early and late swing and late stance were found to be higher
than the calculated values. This was thought to be due to antagonistic muscles
contributing towards measured forces and not being modelled.

Fraysse and colleagues predicted joint contact force of 4.0 times BW for a
walking cycle (Fraysse et al., 2009). They used inverse dynamics to derive the joint
reaction forces and then an optimization scheme to derive hip contact forces for 9
healthy subjects by considering the muscle contractions. They used minimization of
the sum of squared muscle stresses as the objective function which was proposed
earlier Crowninshield and Brand (Crowninshield and Brand, 1981).

The optimization models discussed above used polynomial forms of objective
function along with additional constraints to ensure that the solution represented
physiological phenomenon. Soft saturation criterion proposed by Siemienski, on the
other hand, does not require such additional constraints as the objective function
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itself ensures that none of the muscles are maximally loaded “if another, less-
loaded, muscle can contribute to carrying the external load “(Siemienski, 1992).
However, both these criteria face numerical problems as the power of objective
function increases. Rasmussen and colleagues thus proposed min/max criteria
which can be transformed into a linear problem using bound formulation and thus
numerically easier and efficient to solve (Rasmussen et al., 2001; Damsgaard et al.,
2006). The objective here is to minimize “maximal muscle activity” without having
to need any additional constraints (Damsgaard et al., 2006).

The usefulness of the mathematical models does not lie merely in the fact that
they can verify the experimental/clinical outcomes but also in parametric studies
(Johnston et al., 1979; Rohrle et al., 1984, Iglic et al., 1993a) as is already seen in
dependence of hip joint forces on walking speed. Johnston and colleagues created
a mathematical model of the hip joint to study the effects of joint replacement and
its variations on the joint load (Johnston et al., 1979). They noticed that the contact
forces increased with the increase in femoral shaft-prosthetic neck angle. The
angles between 130° and 140° gave minimum bending moment about the stem-
neck junction of the prosthesis and 130° was found to be the optimal angle. The
placement of the acetabular component was found to be of prime importance in
reducing the loads with the optimum position being placing the centre “as medially,
inferiorly and anteriorly as was anatomically possible”. The effect of moving the
greater trochanter laterally was found to be insignificant.

Iglic and colleagues have also shown using their reduction model, in one-
legged stance, that the hip muscle resultant force and the hip joint contact forces
depend upon the pelvic shape (Iglic et al., 1993c). Both these parameters increased
with the half inter-hip distance as well as for higher laterally inclined hips.

Neural networks is also gaining acceptance in clinical biomechanics at least
as a classification tool; e.g. to diagnose the healthy and diseased walking patterns
by estimating speed and inclination of walking (Aminian et al., 1995; Schdllhorn,
2004).

1.5.2 Experimental and Clinical Studies

Rydell was the first to use instrumented prosthesis with strain gauges to
measure in vivo (Rydell, 1965) contact forces. He observed the typical double peak
for walking and found an increase in contact forces with increasing walking speed
as predicted in the mathematical models discussed earlier. He found contact forces
as high as ~1766N which was about 2.5 times BW during fast walking with a speed
of 1.3 m/sec (Table 1-4). This was same as the force acting during standing on one
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leg. In a study with two patients Rydell found peak forces of 2.3 and 2.9 times BW
in one legged stance (Rydell, 1966). For walking speeds of 1.1 m/s and 1.4 m/s, the
values at first peak were 3.0 and 3.3 times BW. The disadvantage of this prosthesis
was that the contact had to be kept inside the connective tissue and hence needed
to be opened up again in order to take measurements.

Table 1-4 Peak hip joint forces measured in different experimental and clinical

studies
Reference Peak Hip Joint Force Activity
(x BW)
Max Average
(Rydell, 1965) 1.8 -- | Walking (0.9 m/s)
2.5 -- | Walking (1.3 m/s)
2.5 -- | One-legged stance
(Rydell, 1966) 3.0 -- | Walking (1.1 m/s)
3.3 -- | Walking (1.4 m/s)
2.9 -- | One-legged stance
(English and Kilvington, 2.7 -- | Walking (0.73 m/s)
1979) 3.59 -- | One-legged stance
(Davy et al., 1988) 2.8 2.64 | Walking (0.5 m/s)
2.6 -- | Stair climbing (step height
—170 mm)
2.1 -- | One-legged stance
(Kotzar et al., 1991) -- 2.4 | Walking (0.9 m/s)

-- 2.5 | Walking (1.1 m/s)

-- 2.8 | Walking (1.3 m/s)

-- 3.6 | Walking (1.8 m/s)

-- 2.6 | One-legged stance
5.5 -- | Instability during one-
legged stance
-- 2.6 | Ascending stairs
-- 1.23 | Rising from chair (chair
height — 445 mm)

(Bergmann et al., 1993) 8.7 -- | Stumbling

(Brand et al., 1994) 3.5 -- | Walking (0.94 — 0.97 m/s)
3.3 -- | Walking (1.11 — 1.36 m/s)

(Bergmann, 2001; -- 2.33 | Walking (1.08 m/s)

Bergmann et al., 2001) -- 2.32 | One-legged stance

-- 2.52 | Ascending stairs (step
height — 170 mm)

-- 2.60 | Descending stairs (step
height — 170 mm)

-- 1.90 | Rising from chair (chair
height — 500 mm)

English and Kilvington were the first to use a telemetric instrumented
prosthesis (English and Kilvington, 1979). They found the hip forces of 2.7 and 1.25
times BW in stance and swing phase respectively 42 days after the operation and
patient walking at a speed of 0.73 m/s. Twelve days post-operatively, the forces
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were as high as 3.59 times BW in one-legged stance with hand support. Davy and
colleagues recorded the forces active on the hip joint using a telemetric prosthesis
in one patient within a month of operation and found the forces of around 2.6 to 2.8
times BW in stance phase of gait at 0.5 m/s (Davy et al., 1988). In one-legged
stance they found the contact force to be 2.1 times BW which increased to 2.6
times BW during stair climbing.

Kotzar and colleagues reported on two patients undergoing various activities
like walking, rising from chair, ascending stairs, etc. (Kotzar et al., 1991). The
maximum peak of 5.5 times BW was found during instability when one of the
patients was trying to stand on one leg. The dependence of contact forces on
speed was also highlighted by this study.

Bergmann and colleagues have conducted several studies on the hip joint
(Bergmann et al.,, 1993; Bergmann et al.,, 1995a; Bergmann et al., 1995b;
Bergmann et al.,, 1997; Bergmann et al., 2001) using instrumented prostheses.
Their pioneering work has enabled not only them but other researchers to
successfully advance the field to the point where it is today. They have found the
forces to be as low as 0.26 times BW (rising from a chair) and as high as 2.6 times
BW (going down the stairs).

The dependence of forces on the speed of gait was also observed in their
studies (Bergmann et al., 1993). They observed an increase in the median peak
forces with an increase in walking speed. The angle made by the peak forces with
the vertical axis in the frontal plane was found to remain almost constant during
activities such as walking, running, stumbling, etc. (Bergmann et al., 1993;
Bergmann et al., 2001). Gait analysis data along with hip joint contact forces and
ground reactions forces have been documented for the most common human
activities like walking, stair climbing, standing up, etc. by Bergmann and colleagues
(Bergmann, 2001; Bergmann et al., 2001). They found the average peak force of
233% of BW (2.33 times BW) during normal walking with a speed of 1.08 m/s. They
have also reported the joint contact forces of 2.52 times BW while climbing stairs.
For going downstairs they were 2.60 times BW. An extremely high magnitude load
of 870% of BW (~9 times BW) was observed in the hip joint by Bergmann and
colleagues (Bergmann et al., 1993) during stumbling in their clinical study.

It should be noted that these clinical studies were carried out on patients with
medical conditions and hence cannot be classified as normal hips. Either both the
acetabulum and femoral head or just the femoral head are usually replaced thus
compromising the natural configuration of the joints. Having said that, it was
observed that the clinical studies gave qualitatively similar results as those
predicted by analytical studies, however, the contact forces at the hip, measured
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using instrumented prosthesis have usually been found to be lower than those
found by analytical studies (Bergmann et al., 1993; Brand et al., 1994) as can be
seen from Table 1-2 and Table 1-4. However, the mathematical models are
becoming increasingly complex and have become more accurate over time (Brand
et al., 1994; Stansfield et al., 2003).

1.6 Biotribology

Friction, lubrication and wear in living systems is referred to as biotribology.
The human or animal joints possess exceptional lubrication properties with very low
coefficient of friction and show remarkably low wear rates.

1.6.1 Friction

Friction is the resistance to motion when two surfaces move relative to each
other. This resistance may be due to the microscopic asperities on two surfaces
touching each other or because of shear resistance due to the viscosity of the
lubricating fluid present between the surfaces. The surface of articular cartilage is
microscopically rough (arithmetic mean deviation under unloaded conditions, R;= 1
to 6 um) when compared to a metal femoral head (R, = 0.025 pm (Dowson, 1981))
or ceramic surface (R, = 0.005 um (Jin et al., 1997)). In spite of this, the coefficient
of friction of cartilage has been found to be extremely low and is in the range of
0.001 — 0.02 (Mow and Lai, 1980; Macirowski et al., 1994; Persson, 2000).

When cartilage is loaded with another cartilage or with a rigid
prosthesis/indenter, more than 90% of the load is sustained by interstitial fluid
resulting in minimal solid to solid contact (Macirowski et al., 1994; Ateshian and
Wang, 1995; Ateshian, 1997). However, as the cartilage gets consolidated, load is
increasingly sustained by the solid phase resulting in increased solid-to-solid
contact. This, in turn, increases the coefficient of friction. To account for this
increase in coefficient of friction, it has been described as “effective coefficient of
friction”. On the other hand “equilibrium coefficient of friction” describes when the
cartilage consolidation has reached its equilibrium and the entire load is carried by
the solid phase. Thus, even if the equilibrium coefficient of friction is high, the
effective coefficient of friction will depend on the load partitioning between fluid and
solid phases and will be very low when the load sustained by the fluid phase is very
high. The typical creep equilibrium time for human/bovine cartilage of thickness 2 —
4 mm is between 4 — 16 hours whereas less than 1 mm thick rabbit cartilage will
take around 1 hour (Mow et al., 1980; Mow and Hung, 2001). From this it is clear
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that the low coefficient of friction will prevail over a very long time periods.

It follows from this discussion that, if W is the total normal load with the fluid
and solid phases sustaining W; and W;s respectively, then

W =W f +WS (1.1)
and,
Ws (1.2)
Meff “Hegw
where,

Mett — Effective coefficient of friction

Meq — Equilibrium coefficient of friction

As can be seen from Equations (1.1) and (1.2), effective coefficient of friction
will be very low even if the equilibrium value is high as long as the load supported
by the fluid phase is very high. Equation (1.2) is valid when the cartilage is loaded
with a rigid prosthesis/indenter or with another cartilage when solid area fraction is
neglected (Ateshian, 1997).

However, when solid area fraction, ¢, is taken into account, Equation (1.2)
can be written as (Ateshian et al., 1998; Park et al., 2003):

W f (1.3)

Mett =Heq 0w

If peq is 0.3 and fluid load support is 90%, then without accounting for solid
area fraction, pes would be 0.03. However, if the articulating cartilages are assumed
to be made up of 70% water, then the maximum solid area fraction would be 0.09
(0.3 x 0.3). This would increase effective coefficient of friction to 0.05.
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1.6.2 Wear

Wear of articular cartilage is “the amount and rate at which the organic phase
of the tissue is lost from joint surfaces” (Lipshitz and Glimcher, 1979) as it moves in
contact with other surfaces. The wear can be broadly classified as interfacial, like
adhesion and abrasion, which is due to the interaction between the two contacting
solid surfaces and fatigue which is due to the “accumulation of microscopic
damage” due to cyclic stresses and strains (Armstrong and Mow, 1980; Ateshian
and Mow, 2005). Wear rates of cartilage are low and are extremely difficult to
measure due to the swelling of the cartilage owing to its hydrophilic nature
(Armstrong and Mow, 1980; Ateshian and Mow, 2005). Several techniques, such as
optical profilometer, measuring PG content in the tissue before and after tests, and
analysing lubricating fluid after the test for collagen and PG contents have been
used to measure wear (Lipshitz et al., 1975; Verberne et al., 2009). Lipshitz and his
colleagues quantified the wear rates by sliding a stainless steel plate against a
bovine cartilage surface and then measuring the hydroxyproline and hexosamine
contents in the debris. Hydroxyproline and hexosamine were used as collagen and
proteoglycan markers respectively (Lipshitz et al., 1975; Lipshitz and Glimcher,
1979). Their general observations were that the wear rates increased with
increasing normal load and relative speed of the surfaces; decreased with time
attaining an equilibrium value. The dependence of wear on normal load and test
duration (increasing with increase in both parameters) was also recently shown
(Verberne et al.,, 2009). The wear rates have also been shown to increase with
contact stresses (Katta et al., 2009; McCann et al.,, 2009) and decrease with
increasing conformity between the bearing surfaces (McCann et al., 2009).

1.6.3 Lubrication

Lubrication reduces friction and wear by separating the contacting surfaces.
The lubrication mechanism in natural joints is very complex but very efficient and
effective, and different theories have been proposed to explain the same. The loads
exerted on the joint are varied in nature with respect to space and time. The
kinematics of the joint is also complex. Any single proposed theory has failed to
explain the lubrication mechanism in each and every loading scenario.

1.6.3.1 Biphasic Lubrication

The hypothesis that the interstitial fluid exuding from the cartilage surface in
the loaded region may have a role to play in lubrication was first expounded by
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McCutchen and Lewis (Lewis and McCutchen, 1959; McCutchen, 1959). Weeping
or hydrostatic lubrication exists when the two articular surfaces come in contact or a
cartilage surface comes in contact with another glass/metal counterface, exuding
interstitial fluid enough to provide the fluid film of around 15 — 35 pum thus keeping
the surfaces separated and lubricated. This has also been demonstrated
experimentally (Lewis and McCutchen, 1959; McCutchen, 1962; Macirowski et al.,
1994).

It was, however, not until 1980 that the biphasic theory was proposed (Mow et
al., 1980) which considered the cartilage to be made up of immiscible and
incompressible, fluid and solid phases. Based on this theory, biphasic lubrication
was explained (Mow and Lai, 1980). According to this, the load partitioning between
solid and fluid phases, and more specifically the larger proportion of load being
sustained by the fluid phase (interstitial fluid pressurization) resulted in a lower
effective coefficient of friction.

Over the years it has been found that the interstitial fluid pressurisation is the
most significant factor in reducing the effective coefficient of friction (McCutchen,
1962; Mow et al., 1992; Macirowski et al., 1994; Forster et al., 1995; Forster and
Fisher, 1996; Ateshian, 1997; Ateshian and Wang, 1997; Ateshian et al., 1998;
Forster and Fisher, 1999; Katta et al., 2007; Ateshian, 2009). It has not only been
directly measured (Soltz and Ateshian, 1998; Park et al., 2003; Krishnan et al.,
2004) but has also been shown to be linearly correlated with coefficient of friction in
sliding experiments of cartilage against glass under constant loading (Krishnan et
al., 2004). However, Oloyede and Broom were the first to experimentally measure
interstitial fluid pressurization in one-dimensional static loading in confined
compression (Oloyede and Broom, 1991). As mentioned in section 1.3.2, the low
permeability of the cartilage offers resistance to the fluid flow inducing large drag
forces which helps in maintaining high interstitial fluid pressure. It has been found
that the fluid phase is capable of supporting more than 90% of the load thus
resulting in lesser solid-to-solid contact and hence a lower effective coefficient of
friction (Macirowski et al., 1994; Ateshian, 1997; Soltz and Ateshian, 1998; Park et
al., 2003). However, this fluid load support increases with congruence (Ateshian
and Wang, 1995; Kelkar and Ateshian, 1995; Ateshian, 1997) and is higher when
tension-compression non-linearity at the surface of the cartilage is considered
(Soltz and Ateshian, 2000; Ateshian, 2009).

In the case of a migrating contact this fluid pressurization is sustainable due to
continuous fluid replenishment (Pawaskar et al., 2007; Katta et al., 2009) Moreover,
if the contact moves faster than the diffusive velocity of the interstitial fluid (~10™ —
10° mm/s), higher fluid pressurisation may be maintained over longer time duration
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(Caligaris and Ateshian, 2008; Ateshian, 2009). It is thus possible to maintain a very
low coefficient of friction over a long time period. However, in the case of stationary
contact area or where the sliding distance was such that most of the initial contact
area always remained loaded, the coefficient of friction was found to increase over
time as the load was slowly transferred to the solid phase (Bell et al., 2006;
Caligaris and Ateshian, 2008). The sustainability of high interstitial fluid
pressurization has also been analysed using the finite element method (Pawaskar
et al., 2007) and the FE predictions agreed well with the experimental results.

The biphasic amorphous layer which is above the superficial tangential zone
and composed of mostly fluid has been found to support more load than the bulk of
the cartilage (Graindorge et al., 2005; Graindorge et al., 2006).

1.6.3.2 Other Lubrication Mechanisms

Lubrication mechanisms which are not due to the load partitioning have been
classified in this category. This includes all the conventional lubrication types along
with boosted lubrication.

Sometimes when the two cartilage surfaces move at relatively high speeds
such that the fluid is drawn into the converging wedge-shaped gap, the fluid
pressure generated can be high enough to lift up the two surfaces away from each
other. This is hydrodynamic lubrication and may be present in joints experiencing
high speeds and lighter loads as in the glenohumeral joint of the shoulder of the
baseball pitcher when he is throwing the ball and also may be during swing phase
of walking (Mow, 1969; Ateshian and Mow, 2005). However, to maintain this
lubrication the surfaces will have to be continuously moving at relatively high
speeds.

When elastic deformation of the contacting surfaces takes place due to the
high fluid pressure generated between the surfaces or due to the low elastic
modulus of the engaging surfaces, it is called as elastohydrodynamic lubrication.
Dowson and Jin showed that due to this fluid pressurization, the asperities were
flattened out and the fluid film thickness to R, ratio was found to increase to 19
(Dowson and Jin, 1986). They called it micro-elastohydrodynamic lubrication.

In the squeeze film lubrication mechanism, the viscosity of the fluid trapped
between the two approaching cartilage surfaces does not allow it to be squeezed
out giving rise to time-varying pressure fields which can withstand high loads (Hou
et al., 1992; Ateshian and Mow, 2005). However, for this lubrication mechanism to
exist, the theoretical time required to reduce the fluid film thickness before asperity
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contacts occur should be greater than the physiological loading times of the joint
(Higginson and Unsworth, 1981; Ateshian and Mow, 2005).

Self-generating lubrication mechanism has been observed under slow and
moderate loading in analytical models as well as experimental studies (Mow and
Lai, 1979; Mow and Lai, 1980; Kwan et al., 1984; Ateshian and Mow, 2005).
Synovial fluid hydrodynamic pressure was modelled with parabolic distribution of
normal load sliding over the cartilage surface with physiological speeds and it was
observed that the fluid exuded from the leading and trailing edges of this load. It
was concluded that the fluid exuding from the leading edge must be providing the
lubricant needed to maintain the fluid film.

In some cases, it was noticed that as the two cartilages approach each other,
the synovial fluid was filtered through the porous cartilage structures (pore size - 20
— 70 A°) leaving behind a hyaluronic acid - protein complex (size > 4000 A°) which
was gel like and was believed to provide lubrication (Balazs et al., 1967; Ateshian
and Mow, 2005). This was called boosted lubrication and was proposed in the late
1960s (Maroudas, 1966; Walker et al., 1968). This complex was also observed
under scanning electron microscopy (Seller et al., 1971).

Synovial fluid secreted by the synovium in synovial joints has long been
studied and debated for its possible role in joint lubrication (Dintenfass, 1963;
Davies, 1966; Dowson, 1966; McCutchen, 1966; Radin, 1968; Ikeuchi, 1995).
Synovial fluid is a “dialysate of blood plasma without clotting factors, erythrocytes or
haemoglobin”. However, it contains hyaluronate, lubricating glycoprotein and wear-
retarding phospholipids (Ateshian and Mow, 2005). These constituents are thought
to make synovial fluid an exceptionally good lubricating medium. The effectiveness
of synovial fluid as a lubricating fluid has been experimentally shown and found to
be better than PBS and Ringer’s solution in lowering the static coefficient of friction
(Forster and Fisher, 1996; Schmidt et al., 2007; Schmidt and Sah, 2007; Caligaris
et al., 2009).

In the boundary lubrication regime this lubricant layer thickness reduces to a
monolayer or more thus increasing asperity contacts which will result in increased
wear. In natural synovial joints this monolayer could be either of hyaluronic acid
(Bell et al., 2002; Bell et al., 2006; Schmidt et al., 2007) or lubricin (Swann et al.,
1979; Swann et al., 1985; Rhee et al., 2005; Schmidt et al., 2007; Gleghorn et al.,
2009) or surface-active phospholipids (Hills, 1989; Hills, 2000; Hills and Crawford,
2003; Schmidt et al., 2007) or a several molecule thick “structured water” layer
(Davis et al., 1979).

However, given the complexities of the joints it is most likely that various
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combinations of these different lubrication modes exist depending upon the
operating conditions (Dowson et al., 1981b).

1.7 Osteoarthritis

1.7.1 The Disease and its Etiology

Osteoarthritis (OA), rheumatoid arthritis (RA), impingement of femoral and
acetabular bones, avascular necrosis (AVN) and femoral neck fractures are the
major conditions that can occur in a hip joint. OA is a degenerative disease of the
load-bearing joint wherein the articular cartilage becomes degraded and may
ultimately break down completely, bringing two articulating bones into contact
causing pain. The cartilage degradation may be caused due to several reasons
such as age, injury, improper use or load, trauma, congenital and other joint
diseases (Meachim, 1980; Yang, 2003). Its exact etiology is still unknown; however,
it is thought to be induced due the mechanical factors causing structural as well as
biochemical changes (Radin et al., 1978; Muehleman and Arsenis, 1995; Aigner
and McKenna, 2002; Morrell et al., 2005). These structural failures along with
altered metabolic activities may cause further cartilage damage (Setton et al.,
1999). Osteoarthritis manifests itself as cartilage surface fibrillation, fissures and
cracks inside the cartilage, cracks at the cartilage-bone interface and partial or
complete loss of the cartilage (Meachim, 1980; Guilak et al., 1994; Atkinson and
Haut, 1995; Setton et al., 1999). Apart from the structural changes, compositional
and biochemical changes can also be seen such as increased water content and
increased synthesis of proteoglycan and collagen (Mankin and Thrasher, 1975;
McDevitt and Muir, 1976; Eyre et al., 1980; Carney et al., 1984; Ratcliffe et al.,
1994; Setton et al., 1999). Though the proteoglycan synthesis has been found to
increase in OA cartilage, its content has been observed to decrease (McDevitt and
Muir, 1976; Setton et al., 1999).

1.7.2 Interventions

The treatment for osteoarthritis can be broadly categorised into non-
pharmacological, pharmacological and surgical (Carrabba and Sarzi-Puttini, 2004).
Exercise, weight control, physiotherapy, acupuncture and homeopathy are some of
the non-pharmacological treatments (Hurley and Walsh, 2001; Carrabba and Sarzi-
Puttini, 2004). Folk remedies such as mud baths and drinking herbal tea have also
been tried (Lester et al., 2006). The aerobic and strengthening exercises coupled
with diet can be helpful in alleviating pain and improving joint functions. Bracings
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and footwear have also been used for their simplicity and cost-effectiveness (Pollo,
1998). Thermal therapies, ultrasound, electromagnetic fields have all been used
before with limited success along with socio-behavioural interventions (Sarzi-Puttini
et al., 2005).

Pharmacological treatments include analgesic and anti-inflammatory drugs,
hyaluronic acid (HA) supplements, structure modifying drugs, etc. (Hochberg and
Dougados, 2001; Carrabba and Sarzi-Puttini, 2004; Sarzi-Puttini et al., 2005).
Analgesic like ‘acetaminophen’ has been recommended for mild to moderate pain
(Shamoon and Hochberg, 2001) and as has ibuprofen (Altman, 1999). Non-
steroidal anti-inflammatory drugs (NSAID) are often used to reduce the pain and
inflammation but may cause ‘upper gastrointestinal complications’ (Hochberg and
Dougados, 2001). HA supplements have been used to increase the viscoelastic
properties of synovial fluid. DMOADs or disease-modifying OA drugs such as
glucosamine sulphate dosages and others have been investigated and their
efficacy is yet to be fully established (Qvist et al., 2008).

The last group of treatments is invasive surgical techniques which includes
arthroscopy, osteotomy, cartilage transplant, resurfacing arthroplasty,
hemiarthroplasty and arthroplasty (llfeld, 1953; Carrabba and Sarzi-Puttini, 2004,
Smith et al., 2005; Peltier, 2007). Arthroscopy involves using an arthroscope to look
inside the joint to either evaluate the cartilage or repair it using techniques such as
suturing (Sekiya et al., 2009) or removing loose particles or cartilage by shaving
(Carrabba and Sarzi-Puttini, 2004). In osteotomy, the bones such as the tibia, femur
or acetabulum are reshaped or moved to correct deformity or improve alignment
between the components. It is also carried out to improve joint congruity and in the
case of the hip joint improve femoral head coverage (Matsuo et al., 2009).
Cartilage transplantation includes such techniques as autologous osteochondral
transplant (osteochondral plugs taken from the non weight bearing areas of the
same subject) (Brittberg et al., 1994) and osteochondral allograft transplant (grafts
taken from a donor) (Williams et al., 2007). Autologous chondrocyte implantation
(ACI) is another such technique in which chondrocytes from the subject’s cartilage
are separated and harvested in a laboratory conditions. They are then implanted in
the defect zones and allowed to integrate with the native tissue (Ruano-Ravina and
Jato Diaz, 2006). However, the success with these treatments is limited and in the
case of ACI which is a relatively newer intervention (Brittberg et al., 1994), there is
a lack of long term data to analyse its efficacy. Moreover, in the advanced stages
of OA, these treatments may not be as effective.

Hence, joint replacement technigques such as hemiarthroplasty, resurfacing
and total arthroplasty are being preferred by more and more people. In hip
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resurfacing, the articulating surface is generally replaced either with a metallic
(femoral/acetabular) or polyethylene/polyetheretherketone (acetabular) surface
(Wagner, 1978; Kurtz and Devine, 2007; Patil et al., 2008). Polyetheretherketone is
widely known as PEEK. The neck and head of the femur are left intact in this
procedure with minimal of bone removal. The second conservative approach is
hemiarthroplasty which will be described in more detail in Section 1.7.3. Total
arthroplasty involves replacing both the articulating surfaces with artificial
prostheses. The femoral head and neck have to be sacrificed in this kind of joint
replacement in addition to drilling into the femoral shaft to accommodate prosthetic
shaft. Femoral components are usually rigid metallic or ceramic materials (Wang et
al., 1998). The acetabular cavity needs to be reamed to fit in
polyethylene/metallic/ceramic /polyurethane/PEEK acetabular cup (Livermore et al.,
1990; Clarke, 1992; Wang et al., 1998; Smith et al., 2000; Liu et al., 2005).

1.7.3 Hemiarthroplasty

Hemiarthroplasty, as the name suggests is a conservative approach for joint
replacement in which only one articulating surface is replaced by a rigid metallic
prosthesis. Though it is mainly used for femoral neck fractures (Gebhard et al.,
1992; van der Meulen et al., 2002), it can also be used to treat osteoarthritis if it is
localised to the femoral head cartilage and the acetabular cartilage is intact (lifeld,
1953; Devas and Hinves, 1983; Phillips, 1987). In this kind of arthroplasty, the
acetabular cartilage is kept as it is. One of the advantages of first performing
hemiarthroplasty is that, if the acetabular cartilage gets severely damaged for any
reason, it can be revised to some form of total arthroplasty (Sharkey et al., 1998;
Sen et al., 2009). There are two kinds of hemiarthroplasty as follows:

Unipolar Hemiarthroplasty

Unipolar hemiarthroplasty was developed in the 1940s and 1950s mainly to
reduce the instances of reoperation after internal fixation complications such as
osteonecrosis (Parker et al., 2002; Levine et al., 2007). Two major designs in this
category were the Austin-Moore prosthesis with “a solid polished unipolar head with
a collared, straight, fenestrated stem designed for noncemented use” and the
Thompson prosthesis with “a solid unipolar head and a collared, shorter, curved,
nonfenestrated stem”, the latter being available both in noncemented as well as
cemented configurations (Levine et al., 2007). Long term survivorship between 5
and 10 years in 94% percent of the unipolar prostheses has been observed in a
study done on 162 women subjects over 70 years old, though only 6% of the



33

patients survived at 10 years (Wachtl et al., 2003).

Figure 1.10 Unipolar Head (Courtesy: DePuy)

However, femoral shaft penetration and dislocations were reported in many
patients with this type of prosthesis (D'Arcy and Devas, 1976; Blewitt and
Mortimore, 1992). However, the major concern has been the cartilage undergoing
erosion accompanied by pain as a consequence of the metallic prosthesis
articulating with the native acetabular cartilage, impact loading or due to the
mismatch of prosthetic head and native acetabular cavity (D'Arcy and Devas, 1976;
Devas and Hinves, 1983; Dalldorf et al., 1995). In an age related study, it was
observed that younger patients (< 70 years) tend to have more erosion related
complications (D'Arcy and Devas, 1976). The unipolar hemiarthroplasty should be
avoided not only in younger patients but also in those patients who have a life
expectancy of greater than 5 years (Chandrasekar et al., 2009) and who are active
(Kofoed and Kofod, 1983; Phillips, 1989). The duration of which an implant has
been in body, is a factor in increasing cases of erosion (Phillips, 1989; Dalldorf et
al., 1995). Recently, it has been suggested that coating the prosthetic head with a
biocompatible polymer prevents the cartilage erosion due to a significant reduction
in friction (Kyomoto et al., 2010).

Another complication with these prostheses is acetabular protrusion in which
the medial wall of the acetabulum gets pushed further into the pelvic bone (Berend,
2008). This has also been observed in clinical studies (Whittaker et al., 1972;
Soreide et al., 1982; Kofoed and Kofod, 1983).

Cemented prosthesis has been found to be better as they have been shown
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to reduce the number of intraoperative periprosthetic fracture incidents (Weinrauch
et al., 2006).

In one unique study carried out in canines, it was found that low-temperature
isotropic pyrolytic carbon implants had 92% cartilage survivorship compared to 20%
with metal alloy (Co-Cr-Mo and titanium) implants for the period of 18 months (Cook
et al., 1989). This was thought to be due to lower elastic modulus of carbon and
lower stiffness of implant-carbon interface. The resulting cushioning effect would
lower shear and contact stresses thus reducing cartilage wear.

Bipolar Hemiarthroplasty

The acetabular cartilage erosion and pain associated with unipolar prosthesis
forced the change in design of the prosthesis. Out of this rethinking, two bipolar
prosthesis designs emerged in the early 1970s: the Bateman and the Giliberty
(Levine et al., 2007). The Hastings design was another such prosthesis that was
widely used (Stewart and Papagiannopoulos, 1986). These were born out of an
idea that the relative motion between prosthesis and acetabular cartilage needed to
be reduced in order to prevent/reduce erosion. These mainly consisted of three
components (Levine et al., 2007): 1) modular femoral stem with varying head sizes
making it easier to convert it to total hip arthroplasty whenever required; 2) an
intermediate bearing of either ultrahigh molecular weight polyethylene (UHMWPE)
which articulates with the femoral head; and 3) press-fitted metallic head which is
mounted over the intermediate bearing and articulates with acetabular cartilage.
The relative motion between intermediate bearing and femoral head mounted on
the stem was designed to reduce that between outer metallic head and the
cartilage. However, it has been found that the design goals of this prosthesis are
not fully met. It has been suggested that bipolar hemiarthroplasty does not offer any
advantages over unipolar hemiarthroplasty (Ong et al., 2002; Bhattacharyya and
Koval, 2009) and that the inner bearing motion is limited thus causing greater
relative motion of the cartilage-outer head bearing resulting in erosion (Drinker and
Murray, 1979; Verberne, 1983; Phillips, 1987). However, there have been equally
convincing clinical studies showing very little erosion and both the bearings working
as designed (Bochner et al., 1988; Goldhill et al., 1991; James and Gallannaugh,
1991). Long term survivorship of around 15 years was observed in 99.4%
prostheses with as little as 4.7% revisions/removals in a study of 212 bipolar
hemiarthroplasties (Haidukewych et al., 2002).
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Figure 1.11 Bipolar Head (Courtesy: DePuy)

However, bipolar hemiarthroplasty has its unique set of complications not
found in unipolar hemiarthroplasty. Dislocation or disassembly of modular
components is one such complication (Georgiou et al., 2006; Guo et al., 2008; Lee
et al., 2008). Apart from better design, careful preoperative planning and meticulous
placement of components during the operation may be required in order to avoid
such cases. Another complication is osteolysis mostly due to polyethylene wear
debris (Bose et al., 1995; Coleman et al., 2001; Rizzo and Pace, 2003). In
osteolysis, due to the reaction of wear particles, bone resorption takes place
resulting in the loosening of implant. In one particular case this polyethylene wear
has been found to be as high as 0.7 mm per year resulting in 56% of cases having
osteolysis around the stem after an average of 38 months (Coleman et al., 2001).
This was very high compared to 0.13 mm per year observed in polyethylene
acetabular component in total hip replacement (Livermore et al., 1990). Metallosis
due to metal debris can also result from such a system (Matsuda and Yamamuro,
1994).

Irrespective of whether unipolar or bipolar hemiarthroplasty is used and apart
from surgeon training as suggested earlier (Georgiou et al., 2006), using the correct
femoral head size also plays an important role in avoiding complications of
hemiarthroplasty (van der Meulen et al., 2002). In a non-clinical study it has been
shown that the calliper measurement method used by surgeons to measure femoral
head diameter has a tendency to undersize it which is further aggravated by
“downward rounding” of the implant diameter (Kosashvili et al., 2008). The smaller
prosthetic size will lead to increased clearance and reduced contact area resulting
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in increased stresses leading to cartilage erosion and pain, and potentially
migration of the implant (Harris et al., 1975; Kosashvili et al., 2008). However, an
oversized head affects the entire pelvis and tends to increase the periacetabular
stresses and those towards the medial side (Finlay et al., 1986). Thus the selection
of the correct femoral head size for congruent acetabular fit is an important
parameter to be considered when hemiarthroplasty is the chosen intervention
(Yamagata et al., 1987; Jeffery and Ong, 2000).

It has also been hypothesised that the cartilage degeneration is not
necessarily due to the metallic prosthesis articulating with soft tissue but also due to
repetitive stresses (McGibbon et al., 1999).

Femoral components with a non-spherical head have also been investigated
(Cathcart, 1971; Cathcart, 1972). Cathcart hypothesised that this type of head
shape helps in proper nutrient transportation. He also noticed reduced cartilage
erosion and found the patients with full or approaching full range of motions without
the use of support.

1.8 Contact Mechanics of Hip Joint

Contact mechanics of articular cartilage plays an important role in the
tribology and maintenance of the diarthrodial joint. It is mainly concerned with what
happens at the contacting surfaces and its implications to tribology and structural
stability of the cartilage. It will typically include investigations of contact forces,
contact stresses and contact areas. Though contact pressure has a role to play in
cartilage damage and repair; it is not the static pressure that matters but its
temporal and spatial distribution and history (Brand, 2005).

Contact stresses are usually calculated from contact forces and
corresponding contact area. They have also been directly measured using
instrumented prosthesis (Hodge et al., 1986; McGibbon et al., 1999). They play an
important role in the tribology of the cartilage (Hodge et al., 1986; Katta et al.,
2009), cartilage degradation (Hadley et al., 1990; Maxian et al., 1995; Mavcic et al.,
2002), wear of the implants, “preoperative planning and postoperative rehabilitation”
(Yoshida et al., 2006). These stresses can be so high in some of the activities of
daily living, that they have the potential of inducing several complications in the
joint. Excessive wear of the cartilage may result from very high contact stresses. It
should be noted that it is not just the high stresses that are damaging to the
cartilage but under-loading can have an adverse effect as well due to lesser use of
the cartilage (Harrison et al., 1953). The contact stresses are also indicative of the
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load distribution within the articulating surfaces which may give an indication of the
acetabular areas which are most susceptible to breakdown.

1.8.1 Theoretical Studies

Theoretical models were simple to begin with. The contacting articular
surfaces were modelled as elastic spheres (Eberhardt et al., 1990; Eberhardt et al.,
1991a; Eberhardt et al., 1991b) mainly for parametric studies of contact stress
distribution (such as the effect of cartilage thickness and stiffness, joint curvature
and radius of contact). Frictionless rolling contact models of cylindrical biphasic
cartilage layers have shown that most of the load is sustained by the fluid phase
(Ateshian et al., 1994b; Ateshian and Wang, 1995). The interstitial fluid
pressurisation increases with the increase in the joint congruity (Ateshian and
Wang, 1995) and is higher when articular surface tension-compression nonlinearity
is accounted for (Soltz and Ateshian, 2000). This shields the solid phase from
stresses thus protecting the cartilage. These biphasic cartilage models (Ateshian
and Wang, 1995; Ateshian and Wang, 1997; Ateshian et al., 1998) helped in the
understanding of the role of interstitial fluid pressurisation in reducing frictional
coefficient.

The above models are excellent for simpler parametric studies but they
cannot replicate the exact conditions in the joint. Whole joint models are thus
needed. Mathematical models to predict contact stresses have been developed by
several researchers (Ipavec et al., 1999; Daniel et al., 2001; Mavcic et al., 2002;
Daniel et al., 2008). These models either use the measured hip resultant forces
using instrumented prosthesis (Daniel et al.,, 2008) or those calculated from
mathematical models described before (Iglic et al., 1993b).

A simple mathematical model was proposed by Brinckmann and colleagues to
predict contact stresses in the simplified hip joint (Brinckmann et al., 1981). Their
model was created using anterior-posterior radiographs of 304 healthy persons.
The average peak contact stress for normal hip was around 3.72 MPa for 5 times
BW just before toe-off (Table 1-5). The corresponding value for a male subject was
3.64 MPa as compared to 3.80 MPa for females.

Ipavec and colleagues developed a model that was stated by non-linear
algebraic equations, and used the calculated resultant hip joint force and known
geometrical configuration to predict contact stresses (Ipavec et al., 1999). They
assumed the cartilage to be the part of the spherical surface and it was modelled as
homogeneous, linearly elastic with uniform thickness. The frictional forces were
assumed to be negligible. They found that the stress distribution over the
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acetabulum cartilage surface and its maximum value varied with load direction. The
highest contact stresses were observed in the superior-posterior region of the
acetabulum and on the medial side of the femoral head, and contact stresses were
distributed non-uniformly. A peak stress of 3.0 MPa was observed in the stance
phase of the gait in the normal hip for a load of ~2000 N as against the measured
value of around 4.0 MPa (Hodge et al., 1989; Krebs et al., 1991) after the gait had
stabilised over 36 — 48 months.

Table 1-5 Peak hip contact stresses predicted by different analytical studies
in normal joints

Reference Peak Hip Contact Load Activity
Stress (MPa) (N)
Max Average
(Brinckmann et -- 3.72 | 5xBW | Walking
al., 1981)
(Ipavec et al., 3.0 -- 2000 | Walking
1999)
(Iglic et al., 4.0 2.1 -- | One-legged stance
2001)
(Mavcic et al., 4.27 2.45 1890 | One-legged stance
2002)
(Recnik et al., -- 1.6 2.58 x | One-legged stance
2007) BW
(Daniel et al., -- 1.8 836 N | Walking (1.08 m/s)
2008) BW
-- 2.0 836 N | Ascending stairs
BW | (step height — 170
mm)
-- 2.1 847 N | Descending stairs
BW | (step height — 170
mm)

Iglic and colleagues compared the male and female population with respect to
normalised peak contact pressures (lglic et al., 2001). They found mean peak
contact pressure per BW was higher for females (4.045 kPa/N) compared to males
(3.214 kPa/N). However, the female BW is generally lower than the male. Assuming
female BW to be 500 N and that of the male to be 700 N, the absolute values of
peak contact pressure works out to be 2.0 MPa for the female and 2.2 MPa for the
male. The maximum peak contact pressure of 4.0 MPa was predicted in the female
hip. Iglic and colleagues also found that moving the hip joint centre medially and
proximal acetabulum over the femoral head laterally would reduce contact stresses
(Iglic et al., 1993b).

In another study, dysplastic hip contact stresses normalized with the body
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weight were found to be 100% higher as compared to a normal hip in one legged
stance (Mavcic et al., 2002). They used the model previously investigated to
determine hip muscle forces and contact forces (Iglic et al., 1993c). According to
this study, the contact stresses were dependent on the magnitude and direction of
load, lateral femoral head coverage and the distance between the centres of two
femoral heads. They found the average peak stress to be 3.5 kPa/N in normal hips
in one-legged stance for the hip joint load of 2.7 times BW. Assuming BW to be
approximately 700 N, the mean peak stress would be 2.45 MPa. The higher peak
stresses were attributed to “smaller lateral coverage of the femoral head, the larger
interhip distance, the wider pelvis and the medial position of the greater trochanter”.

The stresses are also dependent on acetabular anteversion angle for normal
walking with 2.141 kPa/N (normalised to BW) for 7° versus 1.982 kPa/N for 42°
(Daniel et al., 2008). It was found that the stresses were higher going down the
stairs compared to those in climbing stairs for normal hips. Higher stresses were
observed in dysplastic hips. Hip contact stresses have found to be higher in obese
subjects leading to faster progression of osteoarthritis (Recnik et al., 2009). In this
latter study, a significant correlation was found between obesity and hip arthroplasty
carried out at younger age.

To simplify predictions, Daniel and colleagues presented nomograms to
calculate maximum contact stresses in the hip in one legged stance (Daniel et al.,
2001). They used a model developed earlier (lglic et al.,, 1993c) to calculate
resultant hip joint forces and then used Ipavec and colleagues’ model to calculate
contact stresses (Ipavec et al., 1999). Both these models have been put together in
the software HIPSTRESS (Iglic et al., 2002). The femoral head and acetabulum
were assumed to be spherical and the cartilage was assumed to be of uniform
thickness. Once these nomograms were developed, they could be used to calculate
maximum hip contact stresses for combinations of geometrical parameters (inter-
hip diatance, pelvic height, pelvic width, centre-edge angle, etc.) and body weight.
The average difference between the maximum contact stresses predicted using
HIPSTRESS and nomograms was 4.6%.

In another study, it was reported that the horseshoe shape of the cartilage
helped to optimise the contact stresses (Daniel et al., 2005). As seen, most of these
models have been used mainly for parametric studies (Iglic et al., 1993b; Iglic et al.,
2002).
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1.8.2 Experimental and Clinical Studies

Many of the experimental studies performed in a laboratory setup are
simplified in terms of specimens used. It has been found that the coefficient of
friction decreases with increasing stress levels (Pickard et al., 1998; Ateshian et al.,
2003; Katta et al., 2007) and it may be due to flattening out of surface roughness as
load/strain increases (Dowson and Jin, 1986; Ateshian et al., 2003). However,
recently it has been shown that for contact stresses higher than 0.5 MPa, the
coefficient of friction actually increases (Katta et al., 2009; McCann et al., 2009).
This was thought to be due to insufficient time available for the tissue to rehydrate
itself in friction tests with 4mm stroke length (Katta et al., 2009). This in turn would
decrease the fluid load support thus increasing the coefficient of friction. The effect
of joint conformity on contact stresses have been investigated in knee
hemiarthroplasty (McCann et al., 2009). It was found that the contact stresses
increase with a decrease in the conformity resulting in a higher coefficient of friction.
This in turn was found to induce more cartilage wear. The increasing contact
stresses may also induce increased shear stresses (Katta et al., 2009).

However, the experiments are becoming more and more sophisticated with
many preferring to measure the in vivo contact forces and stresses. Many (Rydell,
1965; Bergmann et al., 1984; Hodge et al., 1986; Bergmann et al., 1993; Catani et
al., 1995; Krebs et al., 1998; Bergmann et al., 2004) have conducted clinical studies
on patients and animals using instrumented prosthesis to measure either contact
forces or contact stresses. Similarly, a number of studies have been carried out
under laboratory conditions (Afoke et al., 1987; Ateshian et al., 1994a; von
Eisenhart et al., 1999; von Eisenhart-Rothe et al., 1999) for deriving not only forces
and stresses but also the contact areas. Apart from contact parameters mentioned
before, there are others such as sphericity of the acetabulum and femoral head,
thickness of the cartilage, interstitial fluid pressurisation in the cartilage, etc which
affect the contact mechanics of the synovial joints.

Rushfeldt and colleagues used instrumented endoprostheses (Rushfeldt et
al., 1981b) in their in vitro studies to investigate the pressure distribution in the
acetabular cartilage. Loads of up to 2250 N were applied through the acetabulum in
a hip joint simulator with prostheses of different sizes. A peak pressure as high as
14.3 MPa with a load of 1350 N (2.5 times BW) was observed for 2 mm undersized
prostheses whereas for perfect fit the value was 6.78 MPa (Table 1-6). It was
noticed that the peak and average pressure on the cartilage surface decreased,
and contact area increased with time. The increase in clearance, however,
decreased the contact area and increased both the peak and average contact
pressure. The contact pressure was also found to vary non-linearly with load.
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Table 1-6 Peak hip contact stresses measured in different experimental and
clinical studies

Reference Peak Hip Contact | Load Activity
Stress (MPa) (N)
Max Average
(Day et al., 1975) 5.3 -- | 1736 | Static loading
(Rushfeld et al., 6.8 --| 1350 | Static loading
1979)
(Rushfeldt et al., 6.78 --| 1350 | Static loading
1981b)
(Brown and Shaw, 3.45 --| 1557 | Static loading
1982)
(Brown and Shaw, -- 8.80 | 2770 | Walking
1983)
(Adams and 8.57 --| 2380 | Walking
Swanson, 1985)
(Afoke et al., 1987) 10.4 -- | 2936 | Walking
(Hodge et al., 1989) 5.5 -- | 667 N | Walking
10.7 -- | (BW); | Ascending stairs
18.0 -- | load | Rising from chair
not
given
(Krebs et al., 1991) 3.69 -- | 667 N | Walking (1.2 m/s)
BW
(Macirowski et al., 5.0 -- 900 | Static loading
1994)
(von Eisenhart- 9.0 -- 3 x | Static loading
Rothe et al., 1997) BW
(Hak et al., 1998) -- 12.1 | 2013 | Static loading
(McGibbon et al., 6.5 -- -- | Walking
1999)
(Park et al., 1999) 5.2 -- | 530 N | Walking
9.0 -- BW | Ascending stairs (step
height — 180 mm)
16.4 -- Descending stairs (step
height — 180 mm)
5.4 -- Rising from chair (100%
knee height)
(von Eisenhart et al., 9.75 7.7 3.45 | Walking (1.08 m/s)
1999) x BW
(Anderson et al., -- >10 | 1949 | Walking (1.08 m/s)
2008) -- >10 | 2103 | Ascending stairs (step
height — 170 mm)
-- >10 | 2207 | Descending stairs (step
height — 170 mm)

The pressure distribution, which was elongated in anteroposterior direction
with steep medialateral pressure gradient, was neither uniform nor axisymmetric
about the load vector and was attributed to the non-uniform cartilage thickness and
irregular cartilage-bone interface (Rushfeld et al., 1979; Rushfeldt et al., 1981b).
This was also shown by Brown and Shaw using miniature piezoresistive contact
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stress transducers embedded in femoral head cartilage for their in vitro studies to
investigate the contact stress distribution (Brown and Shaw, 1982). Their study
found that the contact stress distribution was not axisymmetric and was also
anteroposteriorly oriented as was found by Rushfeldt and colleagues. They found
stresses of around 3.45 MPa for a load of 1557 N. In another study, they found a
spatial mean pressure of 2.92 MPa and local mean peak pressure of 8.80 MPa for
a load of 2700 N (Brown and Shaw, 1983). The maximum pressure was in the
acetabular dome.

Adams and Swanson used piezoelectric pressure transducers and positioned
them in the acetabulum through holes drilled in the cancellous bone (Adams and
Swanson, 1985). The subchondral bone and the cartilage were kept intact. They
noticed highest pressure ranged from 5.26 to 8.57 MPa during heel off when the
load was 4.17 times BW (2380 N). In a study by Day and colleagues, using
displacement transducers placed through the hole cut through the bone and the
cartilage, the static load of 3 times BW was applied (Day et al., 1975). In this study
of seventeen cadaver hips, they found peak pressures of between 4.0 and 5.0 MPa.
Average pressures were frequently observed in the lateral side of the acetabular
cartilage. A peak pressure of 5.3 MPa was observed in one specimen near the
acetabular notch with 3 times BW (1736 N).

Hodge and colleagues (Hodge et al., 1986; Hodge et al., 1989) used
instrumented endoprosthesis to record the in vivo contact pressures in the hip joint
during different activities. They kept the acetabular cartilage intact. During normal
walking, maximum pressures of 5.5 MPa in the acetabular dome were recorded at
twelve months post-operative. Stair climbing was another strenuous activity in
which a contact pressure of 10.7 MPa was noted twelve months after the operation.
Rising from the chair gave very high pressures in the acetabulum (9.2 — 15 MPa)
and the pressure increased with the decrease in the chair height. Contact pressures
as high as 18 MPa, have been reported (Hodge et al., 1986; Hodge et al., 1989;
Morrell et al., 2005) twelve months after joint replacement surgery while rising from
the chair. The contact pressures were non-uniform and sudden change in their
gradients with respect to time and location observed in this study agreed with those
mentioned earlier. The pressure also depended upon different activities and it
increased from walking to stair climbing to rising from the chair. However, peak
pressures generally decreased with post-operative time and this was also observed
by McGibbon and colleagues in their hemiarthroplasty study with instrumented
prosthesis (McGibbon et al.,, 1999). They observed peak pressures of 4.5 — 6.5
MPa in the acetabular dome during walking. The high pressures observed in these
studies may be induced due to the muscle co-contraction (Park et al., 1999) and
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may result in cartilage degradation often observed in the dome (McGibbon et al.,
1999). In another hemiarthroplasty study with instrumented endoprosthesis, Park
and colleagues observed peak pressure of more than 5.2 MPa for walking two
years post-operative and the peak pressure for descending stairs (16.4 MPa) was
higher than those for ascending stairs (9.0 MPa) (Park et al., 1999). In a similarly
instrumented study, in vivo a mean peak contact pressure of 3.69 MPa has been
reported during walking with an average speed of 1.2 m/s (Krebs et al., 1991) 48
months after operation.

The non-uniform pressure distribution was also observed by Macirowski and
colleagues (Macirowski et al., 1994) in static loading conditions. They conducted in
vitro experiments on human acetabular cartilage using instrumented
endoprosthesis. They also observed that the contact pressure distribution was
mostly in the antero-posterior direction. Their experiments coupled with a numerical
study confirmed the biphasic lubrication phenomenon. They observed pressures as
high as 5.0 MPa for a load of 900 N which slowly decreased over time. They
observed that when the cartilage was loaded the pressure difference within the
surface distance of less than 10 mm was of the order of MPa. This they believed
was due to an inter-articular sealing phenomenon. Though the acetabular and
femoral cartilages are approximately spherical (Rushfeldt et al.,, 1981a) or
conchoidal (Menschik, 1997), their surfaces have ridges of around 150 um height
(root mean square distance). Thus when the cartilages are loaded, the peaks of
these ridges will come in contact first thus trapping the fluid between them and
forming a seal. Macirowski and colleagues believed that this caused the surface
stresses to be non-uniform and contributed towards slower consolidation. They
hypothesised that the breaking of these seals may lead to cartilage destruction.

Ferguson and colleagues, however, observed uniform hydrostatic pressure in
the inter-articular fluid film in their in vitro studies of the hip joint (Ferguson et al.,
2002; Ferguson et al., 2003) where the acetabular labrum was intact and inter-
articular fluid was present. However, in the absence of any major short term contact
between cartilages, how this would affect the contact stresses and what sort of
stress distribution will be at the cartilage surfaces in the long run cannot be inferred
from this study. Moreover, only one pressure transducer was used in this study and
the pressure measurement could be local to the transducer placement.

Contact stresses have also been found using pressure sensitive films (Afoke
et al., 1987; Anderson et al., 2008). In the in vitro study by Afoke and colleagues
three distinct phases of gait; viz. heel strike, flat foot and just before toe off were
simulated using loads of 3.3 times BW, 1.3 times BW and 4 times BW respectively.
A peak pressure of 10 MPa was noted in this study during heel strike and the



pressure distribution was non-uniform with the antero-superior region of the
acetabulum showing high pressure gradients. Anderson and colleagues used the
film to find the contact stresses for comparison with FE results (Anderson et al.,
2007; Anderson et al.,, 2008). Spatially averaged contact pressures in walking,
climbing stairs and descending stairs were in the range of 4.4 — 5.0 MPa with the
average pressures in stair climbing found to be higher than those during
descending stairs. Antero-posterior and superior dome pressure distributions have
also been observed by Bay and colleagues in their in vitro studies using pressure
sensitive films (Bay et al., 1997). Similarly Hak and colleagues observed a
maximum peak pressure of 12.1 MPa with a load of 2013 N in the superior part of
the acetabulum (Hak et al., 1998).

In another in vitro study using pressure films, the antero-posterior distribution
was clearly visible (von Eisenhart-Rothe et al., 1997). However, the formation of the
contact itself did not show any regular pattern. In some cases the contact was first
formed at the anterior and posterior horns at lower loads merging with the dome at
higher loads while in some other specimens it formed at the dome moving to the
anterior and posterior regions. A maximum pressure of 8 — 9 MPa was observed at
loads of 3 times BW. In their study for different phases of normal walking (1.08
m/s), von Eisenhart and colleagues found the mean peak pressure to be 7.7 MPa
for a load of 3.45 times BW during mid-stance (von Eisenhart et al., 1999).
Maximum peak pressure was 9.75 MPa.

One of the important factors affecting contact stresses has been shown to be
the contact areas. The spatially averaged contact stresses when climbing stairs
were found to be more than when going down the stairs (5.0 MPa versus 4.4 MPa
(Anderson et al., 2008)) in spite of the peak contact forces being smaller in the
former case (252% versus 260% BW (Bergmann et al., 2001)). This was because
the average contact area while ascending stairs (321.9 mm?®) was smaller than
descending stairs (~370 mm?)(Anderson et al., 2008).

Contact areas have been measured in vitro using techniques such as dye
staining, casting, pr