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Abstract

Cardiovascular disease is the most common caudeath in the modern society, and
research into the diagnosis and treatment of ceadmular diseases is an urgent task.
Lumped-parameter mathematical modelling as an iefficand effective research
technique has been extensively applied in the caadcular dynamics research, and
has achieved enormous success in assisting th@wasdular physiology study. This
thesis reports a coherent work of lumped-paraneatiovascular modelling based on
some selected works that the author has conductgégablished in the past several
years. After a critical and comprehensive reviewra concurrent lumped-parameter
modelling technique, an improved lumped-parametedehthat effectively describes
the important cardiovascular features of heart evadlynamics and atrial-ventricular
septum motion is presented. The model is then adatat study several application
cases of typical heart failure condition with vesfar assist device support, and
extension of the lumped-parameter modelling for tmimisation of a pulsatile
bioreactor in cardiovascular tissue engineeringyst&ome on-going works and future
directions are also introduced. The reported modglstudies are useful for the
cardiovascular physiology research and design agabion of cardiovascular

prosthetic organs.
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Chapter 1 Commentary

Cardiovascular disease is the most common caudeath in the UK, costing millions
of pounds of NHS resources every year (£140m i@ and £187m in 2008/09,
according to the Office of National Statistics, WMK National Statistics 2013)). The
prognosis for patients with cardiovascular diseasedten poor, and research into the
diagnosis and treatment of cardiovascular diseasas urgent task.

During the past decades, researchers have invdsigd effort in the study of
cardiovascular physiology and pathology, usingositypes of research techniques.
These studies have contributed enormously to tlee-ieyroving clinical diagnosis
and treatment of cardiovascular diseases (Aaromsoa. 1999, Bergel 1972, Fung
1984, Guyton 2006, van de Vosse 2003). However, tduthe complexity of the
disease mechanisms, many problems remain unsoivedng the various types of
research methods applied, mathematical modelling asature engineering tool has
been extensively used in the cardiovascular stualies achieved impressive success
(Bassingthwaighteet al. 2009, Formaggia 2009, Li 2000, van de Vosse 2003,
Westerhofet al. 2009). This thesis focuses on the lumped-paranfelss called OD, or
concentrated-parameter) mathematical modellinghef ¢ardiovascular system. The
thesis starts with a comprehensive review of thevipus and concurrent 0D
cardiovascular models, and then introduces an iwgatdOD cardiovascular system
developed by the current author, followed by sormpplieation studies. Specifically,
this chapter is presented as a commentary to giether the research papers submitted
as the body of this thesis. Following a brief imluotion to set the context for the
research it seeks to combine a comprehensivetlireraeview with an analysis of the
challenges that are addressed by the specific winghsded in this thesis and thus of
the contribution of the work to the domain knowled@ his chapter draws extensively
on the author’s recently published review of tleddfi(Shiet al.2011b).



1.1 Cardiovascular physiology

Pulmonary circulation

Systemic circulation

Figure 1-1 Circulation system

(Adapted from(Marieb 2003))

The cardiovascular system is the vehicle for thadport of blood throughout the body,
conveying nutrients to the body tissues and orgawaisremoving some waste products
(Levick 2003). The circulatory system comprises fthe chamber heart (including the
four heart valves), the systemic vessels that eelike blood to and collect the blood
from the peripheral organs, and the pulmonary \edkat transport the blood through
the lung for exchange of oxygen and carbon dioXi@eyton 2006, Levick 2003,

Marieb 2003). Figure 1-1 illustrates the structafeghe circulatory system. The heart
contracts to pump the blood into the systemic amdimpnary vasculature for

circulation around the whole body. The four healivgs maintain the direction of the
flow. The systemic and pulmonary vessels each eadivided into aorta/pulmonary

artery, main and small arteries, arterioles, capdbk, venules, veins, and vena
cava/pulmonary vein. From the aorta to the arteraserioles, and on into the

capillaries, the vessel branches into a tree-likeiceure, with vessel diameters
decreasing, overall vessel luminal area increaamgjthe vessel wall becoming stiffer

for every consecutive generation of branching. &beta and the larger arteries are



quite elastic, and they act as reservoirs thatelpuffe pulsatility of the flow from the
heart. There is active control, in that the arlescchanged their vessel calibre under
neuro—regulation and various bio-chemical regutetjdo adjust the pressure and flow
of blood to the peripheral organs. Capillaries \ahere the exchange of nutrients and
metabolites take place. From the capillaries taile=) veins and vena cava, the vessels
are merging along the flow direction to form andrse tree-like structure, with greater
compliance in the larger vessels. The vena cavalanthrger veins are the most elastic
vessels and they serve as a reservoir to accomedtat redistribution of blood
volume during transitions between different physgital conditions. Some veins such
as those in the lower extremity have venous valvesd the directionality of the blood
flow, and they are also subjected to the compresaation of the surrounding muscles,
providing a secondary pumping action returning dldo the right side of the heart.
Some other veins, such as those in the lung, cdlaghen their intra-luminal pressure

is lower than the extra-luminal tissue pressure.

1.2 Cardiovascular research

As in any other field of study, cardiovascular egsé involves experimental studies
and mathematical modelling studies (Bergel 1972ygF@984, Guyton 2006). The
experimental studies can be classified imtovitro studies that are executed on mock
cardiovascular systems am vivo studies that are carried out in animal and human
bodies (Bergel 1972). Iim vitro studies, mechanical and electrical components are
assembled into an artificial system to conceptualtymic the cardiovascular
functioning, which is useful for the fundamentalds of blood flow physics. Examples
of this type of research include pulse wave dynansitnulations (Alastruegt al.
2011, Bessemst al. 2008, Borlottiet al. 2012, Khir and Parker 2002, Kret al. 2007,

Li and Khir 2011, Swalen and Khir 2009) and evatmaibf cardiac assist devices for
mechanical circulation support (Biglinet al. 2012, Biglinoet al. 2010, Ferraret al.
2011, Fresiellcet al. 2013, Khir 2011, Khiret al. 2005, Khiret al. 2006, Koeniget al.
2004, Kreshet al. 1990, Tuzuret al. 2011). Due to device limitatioria vitro studies
often over-simplify the upstream and downstreandilogs conditions to the research
objects. More realistic and sophisticated expertalestudies are often implementied
vivo using animal and human subjects and the derivdidlices. In these studies,
various cardiac, biochemical and haemodynamic petens are measured for the
investigation of mechanisms of pathogenesis oficaadcular disease (Aarnoudse



al. 2004, Beyaret al. 1987, Borlottiet al. 2012, Borlottiet al. 2010, Bowmaret al.
2004, Coheret al. 1995, Enriquez-Sararet al. 1993, Hollandeet al. 2004, Khir 2010,
Khir et al. 2001, Khir and Parker 2005, Khat al. 2004, Kilneret al. 2000, Liet al.
2011, Merkxet al.2013, Schampaest al. 2013b, Shargt al. 2000, van T. Veeet al.
2009, Verberneet al. 2007) and the effects of drug/device interven{(ibrazieret al.
2004, Khir 2010, Khiret al.2003, Krestet al. 1990, Loerakkeet al.2008).

Table 1-1 Comparison of animal experiments and mathematical modelling techniques in
cardiovascular research

e Causes pain and death to experimental subjects. Needs to be
regulated by Home Office Licence and ethical approval

e There are differences in the physiological response between the
human and the animals; some of these are significant and many
are poorly understood.

L e Probes inserted into animal/lhuman bodies may change the native
In vivo physiological condition.

experiment | ¢ Not all signals are measurable.

e The response in the animal/lhuman body is often induced by
multiple factors. It is difficult to identify the individual contribution of
each factor from the overall response.

¢ Expensive, time consuming, and laborious.

e No ethical issues involved in the construction of generic models
based on general principles and/or on published literature.

e Ethical issues are associated with only the collection and use of
human data, governed generally by the principle of informed
consent wherever possible and, depending on its nature, by data
protection legislation, and overseen by local medical ethics
committees. Often, subject to these constraints, clinical data can be
re-used effectively to support modelling with no adverse
implications for the subject.

¢ Models can be easily adapted to simulate response in either human
Computer or animal.

simulation | * Depending on the modelling accuracy required, theoretically
response in any body part can be simulated.

e The researchers can choose a balance between accuracy and the
modelling effort; any signal of interest can be simulated.

e Each physiological factor can be manipulated to identify its
individual contribution, as well as the overall contribution.

e Economic, rapid. Once the model is developed and validated, it can
be run repeatedly to study similar physiological conditions for an
unlimited number of times.




In recent years, with the development of mathensatiience and computer technology,
mathematical modelling has developed into a matesearch technique, and it is
seeing ever-increasing applications to reduce/fcepla vivo and in vitro studies in
cardiovascular medicine (Bassingthwaighateal. 2009, Formaggia 2009, van de Vosse
2003). In contrast to experimental studies, mathealanodelling studies explore the
mathematical equations that describe the bio-physind bio-chemical changes in the
living system for the description and predictioncafdiovascular response in different
healthy and diseased conditions. Like engineeriygjesns, the human/animal body
also follows the bio-physical and bio-chemical lav&y deriving the governing
equations underneath the physical and chemical lawgesponding to the
physiological/pathological procedures and calimgtithe equations with realistic
human/animal data, the healthy/diseased responsig ihuman/animal body can be
accurately duplicated and effectively predicted ngrul984, van de Vosse 2003,
Westerhofet al. 2009). The mathematical modelling approach caronbt predict the
physiological responses (like arterial pressure@rdiac index) that are measuraiple
vivo, but also provide wider ranges of information [iiing venous pressure and flow,
vascular impedance etc.) that are important bdicdlt or impossible to measure in the
human/animal body, thus enabling the reductiomeafient and replacementiofvivo
experiments in cardiovascular medicine (Fung 1984 de Vosse 2003). Table 1-1
compares the mathematical modelling and itnevivo experimental techniques in

cardiovascular medicine.

1.3 Modelling in cardiovascular research

Like all fluid systems, blood flow in the cardiowasar system obeys the laws of mass
conservation, momentum conservation and energyecaeaison (Fung 1984, van de
Vosse 2003). Unlike more traditional engineeringiqg networks, the vessels are
comparatively flexible, and the constitutive eqoasi of the vessel walls provide
additional constraints that strongly influence biheod flow dynamics. Furthermore the
mechanical propulsion is provided by the musclaghef heart, governed by its own

constitutive equations including active components.

Modelling of cardiovascular dynamics can be clasgdifnto time domain or frequency
domain studies. Frequency domain representationghef cardiovascular system
(Burattini and Campbell 2000, Burattini and Nataiut998, John 2004, Quickt al.



1998, Quick et al. 2006) are based on linearisation of the goverreggations,

achieved by neglecting the convective acceleraBoms. The simplified equations are
then solved in the frequency domain using Fourier Laplace transformation.

Frequency domain analysis permits fast and effeolution methods, but due to the
linearization process it is more suitable for asely problems in which the system is
only slightly perturbated from a reference stater & broader range of problems in
which the nonlinear terms cannot be neglected, tooenain methods must be

employed.

1
Lumped-parameter '. Distributed-parameter
modelling \ modelling
1
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Figure 1-2 Different scales of modelling

The selection of the appropriate dimensionalityairmodel representation, from 0D
though to 3D, depends on the aims and the reqaicedracy of the research study.
Zero dimensional (0D), or lumped-parameter, modsime a uniform distribution of
the fundamental variables (pressure, flow and velumwvithin any particular
compartment (organ, vessel or part of vessel) ®@itlbdel at any instant in time, whilst
the higher dimensional models recognise the vanatif these parameters in space.
This is illustrated in Figure 1-2. For convenierafedescription, in the following the

vocabularies of OD model and lumped-parameter magetsed interchangeably.

0D models give rise to a set of simultaneous orglidiéferential equations (ODES): in
representations of the vasculature there are dften ODEs for each compartment,

representing conservation of mass and conservafionomentum, complemented by
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an algebraic equilibrium equation relating compamimvolume to pressure. System
models constructed from OD components generallyifeahe major components of the
system, such as the heart, the heart valves andartmments of the vasculature, and are
suitable for examination of global distributions mfessure, flow and blood volume
over a range of physiological conditions, includstgdy of interactions between the
modelled components. Distributed-parameter models D and 3D) give rise to a
series of partial differential equations describaunservation of mass and momentum
(the Navier-Stokes equations), again complementeéduilibrium equations. In the
context of cardiovascular mechanics, 1D models hthe important facility to
represent wave transmission effects within the wiasare: these are important in the
aorta and larger systemic arteries. However, iukhbe noted that a 1D model can be
effectively approximated with a series of OD comgais, with each OD component
representing a control segment in the 1D model,rmthe convective effect in the 1D
model can be neglected (Formaggia and Veneziani3,28@dn de Vosse and
Stergiopulos 2011). One example is the blood flavaisegment of healthy artery, in
which the pulse wave velocity is much higher thiae flow velocity and there is no
sudden change of vessel diameter. 3D solutionsegpgired to compute complex flow
patterns, for example in the ventricles, aroundthesves, near vessel bifurcations, or
in any region with vortical or separated flowstte context of the vasculature, there is
a place for 2D models which can represent the lradiaation of velocity in an
axisymmetric tube. Due to the often enormous comgutresource involved,
distributed-parameter models are eminently suitestidy of local haemodynamics in
a certain cardiovascular organ or in a segmentesisel, where local blood flow
changes have little influence on other parts of tireulatory system. Table 1-2
summarises the dimensionality of the fluid mecham&presentations and their broad
ranges of applications in the study of cardiovamcuynamics. Table 1-3 further
compares the distributed-parameter models and Idfppeameter models for
cardiovascular applications from the aspects ofetimgy purpose, mathematical tools
used, results presentation etc. The lumped-parammetelels and the distributed-
parameter models are developed for different rebeanrposes, and each has its own
advantages and disadvantages. Increasingly therobseommunity is seeking to

develop integrated multi-scale models to enjoytiteefits of both.



Previously van de Vosse has reviewed the concumathematical modelling of the
cardiovascular system (van de Vosse 2003), coveliifigrent scales of model studies.
van de Vosse and Stergiopulos further reviewecd#ndiovascular modelling works on
pulse wave propagation (van de Vosse and Stergisp2011), which was mainly
focused on 1D models but also covered other scdlamdelling. As a supplementary
work to these two studies, this chapter specificadlviews the OD cardiovascular
modelling studies.

Table 1-2 Comparison of modelling techniques for cardiovascular dynamics studies

Method of study Suitable research target

Global cardiovascular dynamics in the whole circulation
system; general pressure and flow-rate changes in a local
circulation loop; interaction between different cardiovascular
organs, or between the native circulation system and the
cardiovascular artificial organs (such as artificial heart);
possibly to provide boundary conditions for local 3D models

oD (lumped
parameter) model

Time
domain Pulse wave transmission in artery or artery network; improved
study 1D | boundary conditions for 3D local models, capable of capturing
Distributed systemic wave reflection effects
parameter Local haemodynamic flow field study in axisymmetric domains;
model 2D | further improvement of boundary conditions for local 3D
models, but limited applicability
3D | Local haemodynamic flow field study in full 3D domains

Frequency response analysis of cardiovascular system after

Frequency domain study linearization

Table 1-3 Comparison of distributed-parameter models and lumped-parameter models for
cardiovascular applications

Distributed-parameter models

Lumped-parameter models

Target of study

Blood flow in a vessel segment or in a

specific  cardiovascular organ in
different  healthy and  diseased
conditions.

System level cardiovascular
response in different healthy and
diseased conditions.

To obtain simulated spatial distributions
of pressure, velocity, shear stress,
vorticity etc. in the organs studied, for

To calculate the temporal changes
of pressure, flow, volume, vascular
impedance, cardiac augmentation

Purpose of | the evaluation of features such as | index, ejection fraction etc. in the
study pressure gradients across stenoses or | circulatory  system, for the
of mechanical damage to blood cell and | evaluation of perfusion to

endothelia. important organs and the

circulatory interaction between




different cardiovascular organs.

Typical
diseases
studied

Aneurysms,  atherosclerosis, valve

incompetence etc.

Hypertension, heart failure, stroke,
haemorrhage etc.

Dimension of
study

Three dimensional, two dimensional, or
one dimensional.

Zero dimensional.

Mathematical
tools used

Solution of partial differential equation
with finite volume method, finite
element method, or finite difference
method.

Time marching solution of a group
of nonlinear ordinary differential
equations.

Results
presentation

Results are presented as distribution of
pressure, velocity, shear stress etc. in
the organ studied. The clinical
interpretation of these results in a
biological context can be difficult,

Results are presented as changes
of pressure and flow etc. versus
time. This presentation can often
be compared directly with clinical
measurements and thus are much

and clinical | particularly in prognosis for an | easier to interpret in the clinical
relevance individual, partly because there is a | context.

paucity of data and partly because such

data as exists is often contradictory and

conflicting.

Computational intensive, requires high | Normal desktop computer is
Computer - X
[ESOUICES perform_anc_e super-computer and long | sufficient for the computing task,
involved computing time. and the computation takes only

several seconds to finish.

1.4 0D cardiovascular modelling

OD models are developed to simulate the global bagmamics in the whole
circulation system. In carrying out 0D modellingetconcept of a hydraulic-electrical
analogue is often applied (Westerhet al. 2009). Generally, there are strong
similarities between blood flow in the circulatasystem and electric conduction in a
circuit: blood pressure gradient in the circulatergp drives the blood to flow against
the hydraulic impedance; similarly, voltage gradliena circuit drives current to flow
against the electric impedance. Hydraulic impedaepeesents the combined effect of
the frictional loss, vessel wall elasticity and ddoinertia in the blood flow, whilst
electric impedance represents the combination ef msistance, capacitance and
inductance in the circuit. Blood flow is describleg the continuity equation for mass
conservation, Poiseuille’s Law for the steady statamentum equilibrium, and the
Navier-Stokes equation for the unsteady state mtumebalance; similarly the electric
flow in the circuit is governed by Kirchhoff's cent law for current balance, and
Ohm's law for the steady state voltage-currentti@ia and the transmission line



equation for the high frequency voltage-currentaitieh. Thus by representing the
blood pressure and flow-rate with voltage and aurrdescribing the effects of friction
and inertia in blood flow and of vessel elastiaitith resistance R, inductance L and
capacitance C in the electric circuit respectivealye well-established methods for
analysis of electric circuits can be borrowed amgliad to the investigation of

cardiovascular dynamics.

0D cardiovascular system analysis started withmbeelling of arterial flow using the
famous Windkessel model. This was subsequentlyredguhto cover the modelling of
other organs such as the heart, heart valves, @nd.v

1.4.1 Models of the systemic vasculature

There is a wide range of OD systemic vasculaturdeisoto simulate the intra-luminal
pressure and flow changes, from the simplest Wisskkdemodel which models the
vasculature as a single capacitance C connectearailel with a single resistance R, to
the most comprehensive Guyton model (Guybal. 1972) in which most of the main
circulatory branches from arteries to veins werecsjally represented as well as
some autonomic and hormone regulation effects. & hesdels can be divided into two
subgroups, namely single- or mono-compartment nsopdelhich increasing levels of
sophistication are used to capture systemic regy@msl multi-compartment models, in
which separate parts of the vasculature are reme$@s different compartments (often
with similar electrical components but with diffateparticular values of frictional loss

coefficient, inertia and vessel compliance).

1.4.1.1Mono-compartment descriptions

In a mono-compartment description, the whole vesstWork is described with a

single resistance-compliance-inductance (RLC) coatimn (although there might be
more than one of each component). The simplestthadfirst mono-compartment

description is the famous two-element Windkessediehovhich was first proposed by
Stephen Hales in 1733, and later formulated mathtieatiy by Otto Frank in 1899 (Li

2000). The Windkessel model consists of two pdra&lements, a capacitor C that
describes the storage properties of large arten&s a resistor R that describes the
dissipative nature of small peripheral vesselsuniiclg arterioles and capillaries, as
illustrated in Figure 1-3 (a). This model was depeld to represent the elementary
characteristics of the systemic artery network, levhhe veins were neglected and
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represented as a far field zero pressure. Althdugpbpears to be very crude compared
with the more sophisticated models developed léterfwo-element Windkessel model
provides a simple way of representing the presdacay in the aorta over the period of
diastole. Even today, this simple RC combinatiordetas still used in clinical practice
for the estimation of total arterial compliance wheeripheral resistance and the aortic
pressure pulse waveform are known (Levick 2003,2000). Despite the obvious
restriction that this model has only a single tico@stant, and therefore cannot capture
the high frequency components associated with presseflections in the artery
network, it is nevertheless often used in cardiouts modelling to provide a simple
representation of the after-load on the heart.

Extending the Windkessel model for the simulatidraerial characteristics, Landes
(Landes 1943) introduced an extra resistance eleRgrtonnected in series with the
RC Windkessel model, as shown in Figure 1-3 (b)s Thodel has been extensively
studied by Westerhof and co-workers (Westestadl. 1971) and is sometimes called
the Westkessel model, or RCR model. The secondtaese R represents the
characteristic impedance of the arterial netwosjneéd as the ratio of the oscillatory
pressure and the oscillatory flow when no reflectivaves are present (Nichols and
O.'Rourke 1990). The overall resistance+tR equals the total systemic vascular
resistance in the previous RC model, and the ctgrexa C represents the elasticity
effect of the arterial network (Westerhet al. 1971). Despite its simplicity, the
introduction of the proximal Rgreatly improves the high frequency performancthef
model (Westerhott al. 1971).In vivo and numerical studies have indicated that the
RCR model provides, subijectively, a good represiemaf after-load in the context of
prediction of stroke volume, stroke work, and slstand diastolic aortic pressure
(Burkhoff et al. 1988). It is widely used in cardiovascular simiolas as the after-load
for the evaluation of cardiac function under vasigphysiological and pathological
conditions. However,in vivo studies have also indicated that the RCR model
significantly underestimates peak aortic flow, lly underestimates mean arterial
pressure, and does not provide realistic aorticsqunee and flow waveforms, when
compared to a realistic arterial impedance moddeuthe same simulated ventricular
action (Burkhoffet al. 1988).
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Figure 1-3 Mono-compartment models for the vessel network

( (@) RC Windkessel model; (b) RCR Westkessel model; (¢) RCR2 model; (d) RLCR1 model;

(e) RLCR2 model; (f) RLCR1 model with sleeve effect; (g) RLCRCLR model )

In parallel to the Westkessel RCR model, Buratand Natalucci (Burattini and
Natalucci 1998) developed a different configuratidrihe three element RCR model to
describe the arterial characteristics, in which ahemall resistance:Rvas placed in
series with the capacitor C instead of in seriethwhe RC combination, as shown in

Figure 1-3 (c). In this configuration the smallist@nce R was conceptually coupled
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with the capacitor C to describe the visco-elastaperty of the vessel wall, in contrast
to its use to capture grossly the wave reflectiesponse in Westerheft al’s RCR
model.

Landes (Landes 1943) further extended the RCRiart@odel by incorporating the
inertial effect of blood flow, forming a model caogiiration of RLCR1 as shown in
Figure 1-3 (d). Westerhdadt al also added the inertial effect of blood flow hetRCR
model and proposed another four-element arteriaehof RLCR2 (Jageet al. 1965,
Stergiopuloset al. 1999) as illustrated in Figure 1-3 (e). Inclusion of thertial term L
helps to further improve the modelling accuracyve$sel impedance in the middle
frequency range. Severah vivo studies have been carried out to compare the
modelling accuracy of the RC, RCR, RLRC1 and RLR@&dels, and it has been
demonstrated that the RLRC1 model best reproduwescharacter of the vascular
impedance data (Deswysest al. 1980, Sharpet al. 2000). However, with more
elements included, identification of model parameteecomes a difficulty. For this
reason the RLRCR1 and RLRCR2 model are not so widstd as the RCR and RC
models.

To further improve the arterial modelling, Westdrhbal have also extended the RCR
model by including more R and L components, comégduas illustrated in Figure 1-3
(), to simulate the laminar oscillatory flow impmtte, the so called sleeve effect
(Jageret al. 1965). This model is excellent for test caseseasgmnting Womersley’s
solutions for axisymmetric flow in a straight cydincal tube, but has less relevance to
complex vascular networks. Later on, Hubegtsal (Hubertset al. 2009) further
developed this concept by proposing a four-elenmeatlel, in which a Womersley
number dependent resistor and an inductor was ctetheén parallel to describe the
combined response of viscous boundary layer andtianelominated flow core.
Westerhotet al’s original model was relatively complicated, aawturate resolution of
the radial distribution of velocity/flow can be bet achieved through 2D or 3D
computational fluid dynamics studies. As a reshis tmodel has been relatively
unexploited by other researchers in the field.

The above RC, RCR and RLRC1 models were mainly I[dped to describe the

pressure and flow characteristics in the aorta,thegt were also applicable to arterial
pressure/flow modelling in general vessel branchbere the pressure and pressure
pulsation in the venous side of the vessel bedsiagéigible, and this is the case for
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most of the applications. However, for some cirtafa beds such as coronary and
pulmonary circulations, there are significant ptilsacomponents in the venous
pressure and flow and thus the venous side cotitribto the overall haemodynamics
is not negligible (Frascht al. 1996, Rose and Shoukas 199B) rectify the problem,

more complex 5, 6 and 7 element vascular modelRER; RCRCLR and RLCRCLR

models) have been derived in which extra R, C andldments were included to
account for the dynamic characteristics of the siekfigure 1-3 (g) shows a 7 element
RLCRCLR model. Originally the 7 element RLCRCLR mebdvas proposed as a
mono-compartment model to describe the charadterisif the complete systemic
vasculature, but it can also be interpreted agsiasseonnection of an RLC model for
the arterial subsystem, a resistance model focapdlaries, and another RLC model
for the venous subsystem. In this sense it can aksoconsidered as a multi-

compartment model as discussed in the next section.

1.4.1.2Multi-compartment descriptions

In the mono-compartment models discussed abovewhiode systemic vasculature is
treated as a single block, and thus the interrstibdution of pressure and flow-rate in
the different segments of the vessel network iscomtputed (although, depending on
the problem formulation, some spatial informatiomgim be computed as internal
compartment variables). Multi-compartment modelseheen developed to address
these shortcomings. In these models the systensculature is partitioned into a
number of segments, and each segment, or compdrtimsedescribed by its own
resistance R, compliance C and inductance L, depgndn the local vessel
characteristics. The vessel segments are connegether to form the complete model
of the whole vessel network. Depending on the $igeaims of any particular study,
and the requirement for modelling accuracy, thetesyg vasculature can be
appropriately partitioned to provide detail in thegion(s) of interest, whilst other
segments can reasonably be lumped together ussgphisticated model elements.
This flexible and simple description of the systemasculature is a powerful tool for

cardiovascular simulation.

In constructing the multiple compartment modelstfa vessel network, it is necessary
to first derive suitable RLC models for the vessegment, as a building block in the
development of the whole vessel network model. oggra and Veneziani (Formaggia
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and Veneziani 2003) and Milisic and Quarteroni (8fd and Quarteroni 2004)
provided detailed derivations of four typical comip@ent model configurations
appropriate for the description of a vessel segmdite four compartmental
configurations were labelled as L network elememéerted L network element, T
element ana element as illustrated in Table 1-4. Each is napgiropriately used with
particular combinations of boundary conditions. Amgothese configurations, the
inverted L network element uses the inlet flow dhd outlet pressure as boundary
conditions, and solves for the inlet pressure &eddutlet flow. This is consistent with
the common practice of using upstream velocity dowinstream pressure as boundary
conditions in 2D and 3D computational fluid dynasnstudies.

Table 1-4 Four typical vessel segment models as building blocks of multi-compartment
description of the vessel network

(After (Formaggia and Veneziani 2003, Milisic and Quarteroni 2004))

Network N Corresponding
Circuit model -
element boundary conditions
Pi, Qi Po, Qo
o { }—rrn o Upstream flow-rate Q.
Inverted £ J_ R L
and downstream
element c
pressure P,
Pi, Qi Po, Qo
° 13— o
R L J_ Upstream pressure P
L element c and downstream flow-
I rate
Pi, Qi Po, Qo
o— }—rrn ~~N— " —o Upstream and
T element RI2 L2 J_ L2 RI2 downstream pressures
I c P and P,
Pi, Qi Po, Qo
o { }—nron ° Upstream and
7 element J_ R L J_ downstream flow-rates

TC/z TC/Z Q and Q,

Using these network elements as building blockgersg multi-compartment models of
the systemic vasculature have been developed,vaiibus levels of complexity, from
the single branch models upwards. Most researc¢hkesthe approach of partitioning

the systemic vasculature into segments representin@, artery, arteriole, capillary,
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and vein (Beyaet al. 1987, Burkhoff and Typerg 1993, Santamore and Boffkl991,
Ursino 1999, Ursineet al. 1996, Zacek and Krause 1996), characterising éteark
element to suit local flow features, and then cating the segments to form the
circulation loop. In the aorta and the main artetiee blood vessels are quite elastic,
and the blood flow is pulsatile, thus the full stahce, compliance and inductance
effects (RLC combination) need to be consideredhénarterioles and capillaries, the
vessel wall is relatively rigid, the flow is steadyd frictional loss is the dominant
factor, thus the local flow dynamics is adequatddscribed by a pure resistance
element. The general veins and vena cava are cam@nd the blood flow is relative
steady, thus the inertial effect is often neglecad an RC combination is considered
sufficient to describe their flow characteristi€sgure 1-4 illustrates a sample multiple
compartment model for the systemic vasculature Idped by Shiet al (Shiet al.
2010). Some researchers have also built multi-tr@hamulti-compartment models
(Chenet al.2008, Heldtet al. 2002, Luet al.2001, Noordergraadt al. 1963, O'Rourke
and Avolio 1980, Olanseet al. 2000, Pennatet al. 1997a, Snyder and Rideout 1969,
Sunet al. 1997, Ursino 1998, Ursino and Magosso 2000a, Oramd Magosso 2003,
Werner et al. 2002) to investigate blood flow distribution andegsure/flow
characteristics in each simulated vessel brandtesrdergraatt al (Noordergraatt

al. 1963) Avolio (Avolio 1980) and O’Rourke and Avolio (O'Rourke and Avolio
1980) have constructed full models for the systeamterial network. O’'Rourke and
Avolio’s model bore a close relationship to Noogteaf et al’s model, but was
claimed to be more realistic in its representatibthe vascular bed, particularly that in
the upper part of the body (O'Rourke and Avolio @98 hese three complex models
have been directly applied or slightly adapted dsage as the reference arterial tree
model in plenty of later studies (Alastrueyal. 2011, John 2004, Matthys al. 2007,
Mynard and Nithiarasu 2008, Reymoetal. 2009, Segers and Verdonck 2000, Sheng
et al. 1995, Sherwiret al. 2003, Wang and Parker 2004).

Pi Qi Po, Qo
o]

—1

Lsas Rsas Lsat Rsat Rsar Rscp _|_ Rsvn
ICsas ICsat TCsvn

Figure 1-4 A sample multi-compartment model

(Refer to nomenclature for symbol meanings.)

_16_



1.4.1.3Summary of properties and attributes of systemic vasculature models

As a summary, the vessel models described aboveanpared in Table 1-5.

Table 1-5 Comparison of various 0D models for the systemic vasculature

Model configuration

Advantages

Disadvantages

Mono-
compartment

model

RC model

Reveals the
general storage
properties of
large arteries
and the
dissipative

nature of small
peripheral

vessels with the
simplest model
structure

Cannot simulate the
effect of high
frequency
components in the
arterial impedance,
cannot  accurately
match the aortic
pressure and flow-
rate waveforms

RCR
model

Simple, and
gives a better
description of
the high
frequency
components in
the arterial
impedance than
the RC model

Cannot describe the
features of the
secondary

maximum and a
discrete minimum in
the medium
frequency range of
the arterial
impedance.

RLCR
model

Simple, and
offers improved
description of
the  secondary
maximum and a
discrete
minimum in the
medium
frequency range
of the arterial
impedance than
the RCR model

Parameter setting is
more difficult than
for the RCR and RC
models, which
limited its
applications.

Venous
pressure
is
assumed
to be zero
and thus
venous
pressure
fluctuation
cannot be
described

RLCRCLR
model

Simplest model
that accounts for
Venous pressure
fluctuations

The model structure is complex

compared with RC,

RCR and

RLCR models, thus parameter

setting is more difficult.

Cannot
describe
the
pressure
and flow-
rate
changes in
specific
segments
of the
vasculatur
e; cannot
simulate
the pulse
wave
transmissi
on effect

Multiple
model

compartment

Flexible
combination of
RLC network
elements to
describe the
vessel
characteristics to
whatever level of
detail required.
Captures, within
the limitations of
the model, pulse
wave

More complex to implement than the mono-
compartment models. Difficult to determine
appropriate RLC parameters when the model
includes many vessel segments.
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transmission
effects.

1.4.2 Models of the heart

1.4.2.11solated chamber models

There have been numerous studies on quantitatimeacterisation of the heart as a
pump. Leefe and Gentle (Leefe and Gentle 1995udsad the characteristics of the
left ventricle, exploring whether it was better dédsed as a pressure or as a flow
source: of course in truth it is a combinationtod two. In the 1970s, Sugé al (Suga

et al. 1973) proposed a varying elastance model for thdricle. In this model, the
ventricular pressure is presented as a functionhefventricular elastance and the
change of the ventricular volume from its unstrdssalue. The change of ventricular
volume is determined by the blood flow into and ofithe ventricular chamber, and
the ventricular elastance is defined as a timeimgryunction based on tha vivo
measurement of the ventricular activity over thedize cycle. This model is easy to
understand and to implement, and it has been widebpted by researchers such as
(Barneaet al. 1990, Beyaret al. 1987, Luet al. 2001, Migliavacceet al. 2001, Pennati
et al. 1997a, Pennagt al. 1997b, Santamore and Burkhoff 1991, Ursino 1999jrnd

et al. 1996, Yakuet al. 1991).

Various alternatives to the varying elastance mddeke been developed. &k and
Krause (Zacek and Krause 1996) derived a heart mmdevhich heart muscle
mechanics were based on Hill's three parameter mddhe ventricular pressure was
calculated from the computed muscle force and theme calculated from the change
of muscle length. Werneat al (Werneret al. 2002) proposed equations to calculate the
myocardial wall tension in systole and diastoleulsing Hill's model and considering
the Frank-Starling effect, and then calculated vwhatricular pressure based on the
Laplace law by assuming the heart chamber to ber&ath in shape. Bovendeeed al
(Bovendeercet al.2006) and Diaz-Zuccarini and LeFevre (Diaz-Zuacuaand LeFevre
2007) calculated the ventricular pressure in alamway. Specifically Bovendeeret

al. (Bovendeerckt al. 2006) described the chamber pressure as a furatitie muscle
fibre contraction in the ventricle, and called thi@del single fibore model. Another
simpler model for the heart is to use an exponkeggation to define the cardiac
output as a function of the atrial pressure, withtvicular dynamics details completely
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neglected (Cavalcangt al. 2006, Cavalcanti and Di Marco 1999). Nevertheldsg, to

its concise model structure and clear physical rngarthe varying elastance model
remains the most popular. In addition to its ovddiusage as a descriptor of left
ventricle performance, the variable elastance mdued also been extended for
applicability to the simulation of atrial dynami¢Beyar et al. 1987, Luet al. 2001,
Migliavaccaet al. 2001, Pennaet al. 1997b, Santamore and Burkhoff 1991, Stmal.
1997). Yakuet al extended the variable elastance model furthestudy ventricular
fibrillation, assigning different parameters to thermal and diseased cardiac muscles
(Yaku et al. 1991). However, some researchers (Vandenbezghé 2006) argued that
the varying elastance model is not valid in appices where the failing heart is
mechanically supported with ventricular assist desj since the derived elastance
variation deviates much from that in the isolatedrtr In such situations, other models
such as the single fiore model may be adopted lasttar description of the cardiac

dynamics.

1.4.2.2Models of Chamber Interactions

Various interactions including atrial-ventriculanteraction (Korakianitis and Shi
20064, Korakianitis and Shi 2006b), ventriculaermattion (Beyaet al. 1993, Beyaet

al. 1987, Chunget al. 1997, Maughart al. 1987, Olanseet al. 2000, Santamore and
Burkhoff 1991, Santamoret al. 1990, Slinkeret al. 1987, Slinker and Glantz 1986,
Sunet al. 1997), and the effect of the pericardium on theliea dynamics (Beyagt al.
1987, Chunget al. 1997, Olansewt al. 2000, Santamoret al. 1990, Suret al. 1997)
have also been studied and reported in the litexatdoting that the atrial-ventricular
septum (annulus fibrosus) undergoes large displantsrduring the heart cycle, and
that the septum motion contributes about 10% ofctdreliac output, Korakianitis and
Shi (Korakianitis and Shi 2006a, Korakianitis anldi 3006b) have derived detailed
equations to model the septum motion. Ventricutéeraction was also considered to
be important in cardiovascular dynamics studiessbgne researchers (Beyat al.
1993, Beyaret al. 1987, Chunget al. 1997, Maugharet al. 1987, Olansert al. 2000,
Santamore and Burkhoff 1991, Santametel. 1990, Slinkeret al. 1987, Slinker and
Glantz 1986, Suret al. 1997). The left and right ventricles are separavgda
ventricular septum. During diastole, the imbalanégressure in the two ventricular
chambers produces septum motion, thus causingtaraation in the filling of the two
ventricles. In systole the septum also contraatiscamtributes to the cardiac output. To
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model this process the variable elastance modebéeas further developed to account
for the specific response of the left and righttvienlar free walls and the ventricular
septum. Another interaction extension is to ineldlde effects of the enclosure of the
heart in pericardium, recognising that the volurhange in one heart chamber would
affect the pressure value in the pericardial sad thus that the pressure-volume
relation in the other three chambers would ineWtdle affected. To model this feature,
an exponential pressure-volume relation was assumelde sac, and applied in the
calculation of pressure-volume relations in ther foeart chambers (Beyat al. 1987,
Chunget al. 1997, Olanseet al.2000, Santamoret al. 1990, Suret al. 1997).

1.4.3 Models of the heart valves

There are four heart valves in the normal hear, mmtral, tricuspid, aortic and

pulmonary valves. The valves prevent backflow obbl from the ventricles to the atria
during systole (mitral and tricuspid valves) ornfraghe aorta and pulmonary arteries
into the ventricles during diastole (the aortic godimonary valves). These valves close
and open passively under various external effecpgassure gradient across the valve,
vortex flow near the valve (Bellhouse 1972, Yaceulal. 1996), shear force acted on
the valve leaflet surfaces etc. Extensive analltimamerical and experimental studies
(de Hartet al.2003b, Hoseet al. 2006, McQueerrt al. 1982) have been carried out to
investigate valve dynamics in three dimensions, thet fundamental mechanics of

opening and closure remain difficult to characteris

The simplest models of the heart valve used in diss featured the valve as a diode
plus a linear or nonlinear resistance (Drzewiatkal. 1996, Heldtet al. 2002, Pennati
et al. 1997b, Vollkronet al. 2002). The valve has little resistance to the flslaen the
pressure gradient across it is positive, while flogv is totally stopped when the
pressure gradients across it is negative. Thisliggsh description ignores the more
complex features of valve dynamics. The complexfyvalve motion has been
demonstratedn vivo: for example, Leyhet al (Leyh et al. 1999) conducted trans-
thoracic and trans-oesophageal echocardiograpbéiest on 20 human subjects after
different surgical interventions for repair of aorvalves, and found that the valve
undergoes a three-stage motion pattern: a raplgl sgstolic opening, a slow middle
systolic closing, and a rapid early diastolic algsmovement. Clinical observation has
also revealed that the mitral valve has a regrassiotion that causes the leaflet to
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return to the fully open position before the raparly diastolic closing (Berne and
Levy 1981, Levick 2003).

It is clear that real valve motion is a more compdeocedure than a simple change of
status between open and closed as described hgiethlised diode model. Zék and
Krause (Zacek and Krause 1996) considered the ehaingeart valve resistance during
valve motion by using the concept of a time-depahdeag coefficient. In their work
the drag coefficient was a prescribed functionhef talve open area, and it approached
infinity when the valve was closed. The drag cagffits were added to the losses of
the conduit in which the valve was situated. Weraeral (Werner et al. 2002)
described the valve behaviour by including the wwduof the reverse flow during the
closure phase: in their study this was referredstthe ‘dead space volume’, which was
a function of the valve leaflet opening angle ardame zero when the valve was fully
closed. Shet al (Shiet al.2004) modelled the valve dynamics by consideriegldcal
flow resistance and the blood inertial effect. Madve was described with an orifice
model, and the valve opening change was preschbsdd on previous experimental
observations. To further improve the valve dynanmesdelling, Korakianitis and Shi
(Korakianitis and Shi 2006¢) proposed a more adedrteart valve model, in which
the valve dynamics were described by an ordindifgréintial equation that considered
the different effects of pressure gradient acrbssvalve, vortex flow near the valve,
shear force acted on the valve leaflet surfacedretbis model, the relative importance
of these factors was determined by referring toréselts of previous two dimensional
and three dimensional computational fluid dynansicglies. With these improvements,
the model could effectively simulate the valve dpgrand closing procedures, and the
numerical results agreed well with the publishegults onin vivo measurement of
valve motions with echo-cardiography (Berne andyL&981, Levick 2003, Leykt al.
1999).

1.4.4 Nonlinear effects and external interactions

Although the electrical-hydraulic analogue has beeidely used to study
cardiovascular dynamics it should be noted thatpimrast to the electrical system, the
cardiovascular system can exhibit strong nonlitiesti These nonlinear effects include
sympathetic/parasympathetic neuro-regulation, aegpdation in cerebral and coronary
circulation loops, cardio-pulmonary interaction, ll@pse of vessels due to
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environmental pressure, effect of venous valves] aressure-dependent vessel

compliance in the artery etc.

1.4.4.1Neuro-regulation

The nervous system has an important influence ercéindiovascular changes, through
the sympathetic and para-sympathetic nerves. Taerebaroreceptors in the aortic
arch, carotid artery and atrium, which are contimlp monitoring blood pressure and
blood oxygen levels. When these physiological \des are out of the normal ranges,
the baroreceptors trigger the nervous system sot thampathetic and/or
parasympathetic nerves are stimulated and regudatdiovascular response. The
sympathetic nerves can trigger arteriole contractémd thus cause an increase in
resistance to blood flow and a concomitant decr@asee rate of blood flow through
the tissues. Similarly it can decrease the urstresvolume of veins and thus push
more blood into the heart for circulation: thisturn causes an increase in heart rate
and an increased cardiac pressure and cardiac todtpwcontrast, action of the
parasympathetic nerves causes a marked decrehsarinrate and a slight decrease in
heart muscle contractility. Through these mechasiime nervous system controls the
circulation by redistributing blood flow to diffeme areas of the body, increasing or
decreasing pumping activity by the heart, and, @aplg, providing very rapid control
of systemic arterial pressure (Guyton 2006). Thusame physiological conditions,
such as posture change or tilting, hypoxia, respomgravitational acceleration, effect
of intra-thoracic pressure variation etc., the @ffef neuro-regulation on the
cardiovascular system becomes too important teebéented.

Ursino et al have developed an analytical model of neuro-e@ur, and combined
this model with a multiple compartment cardiovaacunodel for the simulation of
physiological and pathological responses undeouarconditions of isocapnic hypoxia
(Ursino and Magosso 2000a, Ursino and Magosso 308@kemorrhage (Ursino 1998),
hypercapnia and hypocapnic hypoxia (Magosso anth®2001) and carotid occlusion
(Ursino et al. 1996). Luet al (Lu et al. 2001) derived detailed models for a fast vagal
pathway and three slow sympathetic pathways forctmgrol of heart rate, myocardial
contractility and vasomotor tone, and combined tiro-control model with a
cardiovascular system model and a lung mechaniadehfor the simulation of the
cardiopulmonary response under the Valsalva mamee@reen and Miller (Green and
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Miller 1973), using an RCR model to describe thetesmic vasculature, adopted a
simple linear equation to model the neuro-regutatidfect of systemic compliance
based on arterial pressure, and simulated cardialasresponse to acceleration stress.
Melchior et al (Melchior et al. 1992) produced a comprehensive review of the
mathematical modelling of the human cardiovascslgstem for the simulation of

orthostatic response, including neuro-regulation.

1.4.4.2Auto-regulation

In any tissue of the body, an acute increase @riattpressure causes an immediate rise
in blood flow. Within less than a minute, howevére blood flow in most tissues
returns almost to the normal level, even when tterial pressure remains elevated.
This restoration of flow towards the normal staealled auto-regulation. In contrast
with neuro-regulation, which is under the contrbklze central nervous system, auto-
regulation is a local biochemical procedure. Théaitkdd underlying mechanism of
auto-regulation is unknown, but the metabolic rezment of the organ and the
myogenic response of the vascular smooth musclecargdered to be two of the main
causes (Guyton 2006). Auto-regulation has an ingmbiihfluence on the blood flow in
several local circulation loops, including the d®ed, renal, and hepatic circulations,
and is a requisite component of any model of tlsedsystems.

Lodi and Ursino (Lodi and Ursino 1999) have pul#idha circulation loop model for
the simulation of cerebral circulation dynamics.s&ah on the metabolic requirement
theory for the auto-regulation effect, a sigmoidato-regulation curve was developed
to relate the pial artery compliance to the cerebtaod flow, and the pial artery
resistance was regulated indirectly by the changess volume associated with its
compliance. Similarly Jeayst al. (Jeayset al. 2007) developed a model based on
myogenic response for the modelling of gut bloamvflregulation and postprandial
hyperaemia. Cornelisseet al (Cornelissenet al. 2002, Cornelisseret al. 2000)
modelled the auto-regulation effect in coronarycwmation by considering the
myogenic, flow-dependent, and metabolic flow colstroHowever, because the
underlying mechanisms governing the auto-regulatiefiect are still under
investigation, these modelling efforts are mosHgdd on incomplete assumptions.
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1.4.4.3Interaction between the cardiovascular system and the respiratory

system

The main organs of the cardiovascular system aosetlof the respiratory system are
all situated in the thoracic cavity. For this reastrong interaction exists between the
two systems. In modelling the interaction betweles tardiovascular system and the
respiratory system, Baat al (Bai et al. 1998) developed a combined model for the
simulation of cardio-pulmonary response in stepp-leaspiration exercise for the
treatment of cor pulmonale. To account for the iragpry effect on the pulmonary
circulation, the volumes of the pulmonary arteryl areins were modelled using an
exponential function of the intra-thoracic pressuneet al (Lu et al. 2001) combined

a neuro-control model, a cardiovascular system e a lung mechanics model for
the simulation of cardiopulmonary response undentalsalva manoeuvre. This model
included specific consideration of the effects @upal pressure on the intra-cardiac
pressure and the pressures within the large ihtveatic blood vessels, and the effect
of lung air volume change on the capillary resisgam the pulmonary blood vessels.
Lazzariet al (de Lazzariet al. 2006) built a cardiovascular model to study the
interaction of a ventricular assist device andiaidi ventilation, in which the influence
of intra-thoracic pressure on the blood flow in tieart, systemic thoracic veins, and

pulmonary vessel network was adequately considered.

1.4.4.4Venous collapse due to environmental pressure

Large veins usually have little resistance to bldlmiv when they are distended.

However, due to the compression action of surroypdissues and organs, and to the
rest state of intra-abdominal and intra-thoraciespures, veins are usually at least
partially collapsed. In these situations, the lavgans do usually offer some resistance
to blood flow (Guyton 2006). The majority of pulbiesd cardiovascular studies have
focused on the cardiac and arterial systems, whdsib-dynamics has received less

attention,

Fung (Fung 1984) produced a detailed analysis abuwe collapse, and derived the
detailed analytical formulations that govern théadasour of the veins in the collapse
phase. In the context of lumped-parameter modediingenous collapse, Let al (Lu

et al. 2001) used an exponential pressure-volume reldtorthe modelling of the

capacitance of systemic veins, with nonlinear angbiecewise linear equations to
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describe the compliance and the resistance of ¢éin@ xava as functions of luminal
blood volume. Zervidest al (Zervideset al. 2008) derived pressure-dependent venous
resistance, compliance and inductance. Beyaal (Beyaret al. 1987) modelled the
venous resistance as linear function of the diffeeebetween the peripheral and central
vena cava pressures when the peripheral venousupees less than zero, and as a
constant value when the peripheral venous pressugeeater than zero. Ursired al
(Ursino 1999, Ursinoet al. 1996) modelled the pressure-volume relation of the
peripheral and venous vessels as a nonlinear erfiahtinction. In simulating venous
circulation, Snyder and Rideout (Snyder and Rided969) applied a higher
compliance value (by twenty times) for the collapseins compared with that for un-
collapsed ones, determining the current state nypamison of the current volume of a
venous segment with its unstressed volume. Petezsal (Petersonet al. 2002)
applied a similar model in the simulation of thdéluence of gravity and posture on
cardiac performance. In simulating the interacti@ween the native cardiovascular
system with an intra-aortic balloon pump, Bareeal (Barneaet al. 1990) represented
the pressure-volume relation of systemic veins byfifth order polynomial

approximation.

1.4.4.5Effect of venous valves

The valves in the veins are arranged so that tieetibn of blood flow (except for local
and temporary changes due to venous compliancd)ecanly towards the heart. Every
time a person moves the legs or even tenses thenlesgles, a certain amount of
venous blood is propelled toward the heart. Thigegain the veins have an important
role in countering the tendency of some changespasture (and associated
gravitational changes) to cause flow away fromhéart (Guyton 2006). Zervides al
(Zervideset al. 2008) modelled the venous valve as a diode tavafio backflow, and
also reported on the effects of simple modificagiom account for swept-volume flow
reversal and for a leaky valve. Beyatral (Beyaret al. 1987) simulated the venous
valve by assigning different resistance valuesh&® vYalve subjected to positive or
negative pressure gradients. Similarly, Snyder Riadout (Snyder and Rideout 1969)
simulated the venous valve by a two diode configomain which the resistance to the

reverse flow was different from that for the foradlow.
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1.4.4.6Pressure-dependent constitutive equations and vessel properties

Most often in the OD model descriptions and solutimethods, the component values
(R, L and C) are taken to be constant. HowevelGesimese represent real physical
parameters they are subject to the same nonliresaidts any other description of
vascular mechanics, namely geometrical and mateoalinearities. As the vessel
diameter changes under changes of pressure, itpliemece will change as will its
resistance to flow. The vessel wall exhibits a medr stress-strain curve (Fung 1993),
meaning that the compliance C is also a functiothefluminal pressure. Furthermore
the vessel wall material is visco-elastic. Howevgven that the diameter changes in
the arterial system are relatively small (orderl6$0), and that the range of arterial
pressures over the cardiac cycle is such that Hterral tends to operate in a relatively
linear region of the stress-strain curve, it isgdoly justifiable to neglect the pressure
dependence of the arterial properties. This issaofor the veins, at least when they
enter a collapsed state.

To address the pressure-dependence of the constikquations for vessels, several
researchers have proposed models baseth aivo measurements or on theoretical
derivations. Ursincet al (Ursino 1999, Ursincet al. 1996) used a linear pressure-
volume relationship to model the arteries in tmewation of carotid baro-regulation of
pressure pulsation. Fogliardat al (Fogliardi et al. 1996) carried outin vivo
experimentation to further test the linear and mear formulation of the RCR model,
and based on the experimental results commentddnthaadditional physiological
information was gained when a pressure-dependenipl@nce throughout the
heartbeat was incorporated in the three-elementiéissel, compared with that using
a constant compliance. They also reported thathdiméinear model did not significantly
improve the approximation of diastolic pressure tire presence of an evident
oscillation. In contrast, Let al (Berger and Li 1992, Let al. 1990) adopted an
exponential variation of arterial compliance withegsure changes, applied the
proposed relation in a three element RCR vessekinmadd came to the conclusion that
a pressure-dependent compliance could more acturatedict aortic and stroke
volume. Cappelloet al (Cappelloet al. 1995) developed a one-step computational
procedure for estimating the parameters of theineat RCR model of the arterial

system incorporating a pressure-dependent comglianc
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Coronary vessels are subject to a different mechhenvironment compared with that
of other arterial vessels, associated with theelamg/ocardial stresses generated in
systole. For the simulation of coronary vessels éaest al (Gevenet al. 2004)
modelled the resistance of the coronary capillaeg las a linear function of left
ventricular pressure in systole, and as a constaloe in diastole. Bovendeest al
(Bovendeercet al.2006) used 20 times larger values for the coroagmsrial, coronary
myocardial and coronary venous resistances in ngengompared to those in
hyperemia. Barneat al (Barneaet al. 1990) modelled the coronary arterial resistance
as a linear function based on the pressure difterdretween the aortic pressure and
venous pressure and the pressure difference betWweeawortic and ventricular pressure.
Smith et al (Smith et al. 2002) modelled the resistance and the compliarfichen
coronary arterioles, capillary and venules as foncof both arteriolar and venular
pressures. Spaat al. (Spaaret al. 1981) developed a model for the coronary loop in
which the resistances of the coronary arteriole aeths changed under auto-
regulation, and the same group (Cornelisseal. 2002, Cornelisseat al. 2000) added
myogenic, flow-dependent, and metabolic flow conhtm coronary flow modelling.
The developed model has been validated (Kolgval. 2008, Verbernest al. 2007)

throughin vivo measurements.

In summary, it might be deemed necessary to contligepressure-dependent vascular
properties in the coronary vessels and in the ydinsthe argument for their usage in
other arteries is less compelling.
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1.4.5 Integrated cardiovascular system models
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Figure 1-5 A sample complete circulatory system model

(Refer to nomenclature table for name of each component in the figure)

Numerous OD integrated system models have beenlogeee by assembling
component models of the vasculature, the hearttlamdeart valve, according to the
needs of particular studies. The simplest systemeisaepresent the whole vasculature
as two element (RC) or three element (RCR) WindKdes¢Berger and Li 1992,
Cavalcanti and Belardinelli 1996, Diaz-ZuccarinddreFevre 2007, Drzewieclet al.
1996, Green and Miller 1973) whilst more comprehensnodels feature multiple
vascular compartments (Beyer al. 1987, Burkhoff and Typerg 1993, Santamore and
Burkhoff 1991, Ursino 1999, Ursinet al. 1996, Zacek and Krause 1996), sometimes
with the important local branches represented iddally (Chenet al. 2008, Heldtet

al. 2002, Luet al. 2001, Olansewt al. 2000, Pennatet al. 1997a, Snyder and Rideout
1969, Suret al. 1997, Ursino 1998, Ursino and Magosso 2000a, Oraimd Magosso
2003, Werneret al. 2002). The most common model of the heart in dagmated
system model is the varying elastance model andnib& common heart valve model
is a simple diode. Figure 1-5 shows a typical irtegd cardiovascular system model
developed by Shi and Korakianitis (Shi and Korakiar2006).
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A special case of OD modelling is that of the spedtudy of the local circulation
characteristics in some important vascular subgsysseich as cerebral, coronary, renal
or lower extremity, where often multiple compartmemdels have been designed to
include such features as complex anastomoses,regitation effects and sometimes
collapsible vessels and internal valves. Most comlgnthese detailed local simulations
have not included a heart model, and usually flates and/or pressures are directly
applied as boundary conditions. Examples of thgsest of models are those proposed
by (Bovendeercket al. 2006, Geveret al. 2004, Lodi and Ursino 1999, Manet al.
1994, Pennatet al. 1997a, Snyder and Rideout 1969, Ursino 1991, Oraimd Giulioni
2003, Ursincet al. 1995, Ursincet al.2000).

1.4.6 Commentary on the 0D model developed in this thesis

Plenty of OD cardiovascular models have been deeeland published over the past
decades, as introduced above. Each of these modsldeveloped to address a specific
research question, and there is no universallyngdtmodel that perfectly suits every

application case. The researcher’s task is notgudevelop the model, but also to keep
a balance between accuracy and efficiency in meolastruction.

There are several specific challenges that areeaddd in the work collected in this
thesis. The aim has been to develop a model, aessef models, of appropriate

complexity to study circulatory response under stype&cal disease conditions such as
systemic/pulmonary hypertension, heart failure hadmorrhage. For this purpose the
current author considered the following featuresegomportant:

1. To describe the general cardiovascular responsenadss in clinical practice,
including the cardiac, cardio-pulmonary, and systechanges, the model
should have both the systemic loop and the pulmof@wp, and the four
chamber heart;

2. To investigate the blood pressure changes in difteparts of the vessel, the
blood vessel should be modelled as a multi-segro@ntiguration for both the
systemic and pulmonary loops;

3. Heart valve opening and closing processes congilgignificantly to the
circulatory response, but these were not simulet@devious models. The heart

valve dynamics should be modelled in the new mtxlbke developed;
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4. Atrial contraction promotes the ventricular fillingspecially in the exercise
condition. This feature was neglected in more thalf of previous models, and
should be included in the new model to be develpped

5. There is a hypothesis (Korakianitis 2003) that #tgal-ventricular septum
works as an auxiliary pump in the circulation systand contributes to the
overall cardiac output, although this effect hadt meen quantified. To
investigate this effect, MRl measurements of cardignamics were conducted
in a healthy volunteer. The data obtained appetoetbnfirm the hypothesis
(Roditi 2004). This is a new feature which deservesbe considered in

cardiovascular modelling.

Based on these considerations, the author develapddproved circulatory system
model, as presented in (Korakianitis and Shi 20@&aakianitis and Shi 2006b) and
detailed in Chapter 2 of this thesis. The model thase main parts: heart; systemic
circulation loop; and pulmonary circulation loophel heart is modelled as a four
chamber pump with variable elastance and four hedves that control the blood flow
direction. The systemic and pulmonary circulatioods are each separated into aortic
sinus/pulmonary artery sinus, artery, arteriolgilry and vein segments. In every
segment the individual component is modelled bysa®ering the local resistance to
blood flow, elasticity of blood vessels, and in@mif blood. The ventricles are modelled
with the varying elastance model, while the leftl aight atriums are modelled in the
similar way but with different timing for elastanaariation to simulate the atrial
contraction in end diastole. The four heart vahae modelled with differential
equations describing the momentum balance on thee Vaaflet due to actions of
pressure, shear stress, vortex, blood kineticsTée atrial-ventricular septum motion is
simulated by considering the force balance on #@tusn, including the forces of
cardiac muscle stretching, septum gravity, andspresdifference.

Deriving the governing equations formed the skeleitbthe model, while to make the
model work another important task is to properlytee model parameters. This is not
straightforward because there are a number of mupaleimeters to be decided, while
there are limited clinical data to support the eatibn of these model parameters.
Previous researchers have shared their experientcpublished their choice of model
parameters (Cappellet al. 1995, Deswysermrt al. 1980, Fogliardiet al. 1996, Grant

and Paradowski 1987, let al. 1990, Liuet al. 1986, Lucaset al. 1988, Quicket al.
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1998, Stergiopulost al. 1995, Wesselingt al. 1993, Westerhoét al. 2009, Yoshigi
and Keller 1997). These provide a good startinqijppddowever, in comparing these
previous parameter settings it was observed thatetlvere much discrepancy and
contradiction among these data. In facing thisasibm, the author’s strategy was first
to collect as much clinical data as possible fréwn literature, and then used reverse-
deduction to find the reasonable ranges of modedmeters. The deduced parameter
ranges were then compared with the data adopteddwous researchers. This process
supported the selection of a set of parameters e most consistent with the
underlying physiology and with the wider literatund thus were considered most
reliable. The author then used these more reliphtameters as the starting point and
conducted a series of numerical experiment to hiseown model, finally found the
optimal parameter combination that produced theltedest matching the clinically
observed responses.

The improved model was first tested by comparirgsimulated typical cardiovascular
response with the clinical data reported in thenolgerature. Not only the trends of
the simulated response curves including the atpissure, cardiac flow, and
atrial/ventricular volumes matched the clinical ehstions, but also the
ranges/amplitudes of the simulation data agreed wigh the clinical data. Besides
these fundamental agreements, the improved model affectively simulated the
cardiovascular features &fA ratio in mitral flow, the dicrotic notch in aortpressure,

and thea wave in the atrial pressure, which had been mastlylected in previous
models. The model also revealed that the motiorthef atrial-ventricular septum
contributes aboufl0% of extra cardiac output compared to the situatidren the

septum motion was not considered. Such comparisggested that inclusion of new
modelling features of heart valve dynamics, atcahtraction, and atrial-ventricular
septum motion had contributed positively to the royement and refinement of the

simulation quality.

As an initial application study and also for funtivalidation, the developed model was
used to study the cardiovascular response undee ¥idease conditions (Korakianitis
and Shi 2006c¢). Two representative cases of mifieiosis and aortic regurgitation
were investigated and the simulation results werapared with the clinical data. The
developed model not only duplicated the changesainal/arterial pressures,
mitral/aortic flows and atrial/ventricular volumdsyt also the three-stage heart valve
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motion pattern of fast opening-slow opening-fasisitlg as observed in the clinical
ultra-sound examination, while this three-staglesanotion pattern has never been
simulated by previous researchers.

Overall, the author's model achieved a good baldmstereen accuracy and efficiency,
and satisfactorily simulated the previously idaatfcardiovascular features.

1.4.7 Applications of 0D models

0D models are widely used in various areas of oaedicular studies, from basic
cardiovascular physiology research to astronautszliome and design analysis of
cardiovascular artificial organs. Typical applicais of OD cardiovascular models are

summarised in Table 1-6.

Table 1-6 Typical applications of 0D model

Application Model feature Examples
Analysis of the | Only the | Characteristics of the three- and four-element Windkessel
systemic arterial models (Jager et al. 1965, Noordergraaf 1978,
arterial flow | network is | Noordergraaf et al. 1963, Segers et al. 2008, Stergiopulos
characteristics | modelled et al. 1999, Toorop et al. 1987, Westerhof et al. 1969,

Westerhof et al. 1971);

Advantages and disadvantages of using the three
element RCR model as aortic input impedance (Burkhoff
et al. 1988);

Comparison of different configurations of three element
and four element models as the embryonic aortic
impedance (Yoshigi and Keller 1997);

Investigation of aortic input impedance in infants and
children by curve fitting to two, three and four element
Windkessel models (Sharp et al. 2000);

Study of the linear and nonlinear formulations of the three
element Windkessel model by considering the pressure-
dependent capacitance effect in the arterial network
(Cappello et al. 1995, Fogliardi et al. 1996, Li et al. 1990);

Two port analysis to extend the Windkessel models by
considering the venous side flow pulsations in the
systemic loop (Frasch et al. 1996, Rose and Shoukas

1993);
Ventricular-systemic arterial coupling (Mcllroy and Targett
1988).

Hemodynamic | Complete Cardiovascular response in normal healthy subjects

response in the | description of | (Zacek and Krause 1996);
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native
cardiovascular
system under

various healthy
and diseased
conditions

the native
cardiovascular
system

Study of the ventricular interaction effect (Santamore and
Burkhoff 1991).

Modelling the dysfunction in
myocardium of the left ventricular
1996) ;

regional  stunned
(Drzewiecki et al.

Modelling of cardiac muscles in the study of mechanics
and energetics of fibrillating ventricle (Yaku et al. 1991);

Study of changes in pulmonary venous pressure after the
onset of left ventricular dysfunction (Burkhoff and Typerg
1993).

Hemodynamic
changes under
various
surgical and
therapeutical
interventions.

The native
cardiovascular
system was

partly
changed.

Circulation dynamics in the presence of the bidirectional
cavopulmonary anastomosis in children with a uni-
ventricular heart (Pennati et al. 1997b);

Rest and exercise hemodynamics in patients with total
cavopulmonary connection (Magosso et al. 2002);

Modelling the hemodynamic characteristics in patients
with hypoplastic left heart syndrome after the palliative
Norwood operation (Migliavacca et al. 2001);

Study of the cardiovascular response in patients with right
ventricular bypass and uni-ventricular circulation support
(Kresh et al. 1990);

Modelled the cardiovascular control adaptations in
chronic renal failure patients (Lerma et al. 2004);

Modelling of the hemodynamic response to hemodialysis
induced hypovolemia (Cavalcanti and Di Marco 1999).

Modelling of the cardio-pulmonary response under step-
leap respiration exercise for the treatment of patients with
Cor Pulmonale (Bai et al. 1998).

Ventricular
assist device
support for
heart failure

The native
cardiovascular
system was in
heart  failure
condition, and
a VAD model
is coupled.

Studies of cardiovascular response in the heart failure
condition supported with various types of VADs (Choi et
al. 2001, Cox et al. 2009, de Lazzari et al. 2006, Ferrari et
al. 2013, Giridharan and Skliar 2002, He et al. 2005,
Pekkan et al. 2005, Shi and Korakianitis 2006,
Vandenberghe et al. 2002, Vollkron et al. 2002);

Studies of cardiovascular response in the heart failure
condition supported with intra-aortic balloon pumps
(Barnea et al. 1990, Fresiello et al. 2013, Khir et al. 2005,
Schampaert et al. 2013a);

Comparison of the assistance action of different types of
VAD and VAD motion profiles (Shi et al. 2007);

Study of the effect of the inlet and outlet cannulation sites
for connecting the VADs to the native cardiovascular
system (Korakianitis and Shi 2007);
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Study of the physiological control of pulsatility gradient in
rotary blood pump (Arndt et al. 2008, Shi et al. 2010).

Study of | The native | Simulate the cardiovascular responses under neuro-
cardiovascular | cardiovascular | regulation in various conditions of isocapnic hypoxia
response system was | (Ursino and Magosso 2000a, Ursino and Magosso
under neuro- | coupled with | 2000b), haemorrhage (Ursino 1998), hypercapnia and
regulation the models for | hypocapnic hypoxia (Magosso and Ursino 2001), carotid
the nervous | occlusion (Ursino et al. 1996);
system Simulation of cardiopulmonary response in Valsalva
manoeuvre (Lu et al. 2001);
Simulation of circulation system response to acceleration
stress (Green and Miller 1973);
Simulation of the cardiovascular response to orthostatic
stress (Heldt et al. 2002).
Study of | Only the local | Simulation of human foetal cardiovascular system
special and | circulation loop | (Pennati et al. 1997a);
local C|r(-:ulat|on was modellgd, Studies of cerebral auto-regulation effect (Ursino 1991,
loops in the | and arterial

cardiovascular
system.

pressure or
flow-rate was

Ursino and Giulioni 2003), cerebral vasospasm (Lodi and
Ursino 1999), acute brain damage (Ursino et al. 1995),
and cerebral hemodynamics during arterial and CO,

applied as pressure change (Ursino et al. 2000);
upstream
boundary Modelling of coronary local circulation loop (Manor et al.
condition. 1994);
Study of dependence of intra-myocardial pressure and
coronary flow on ventricular loading and contractility
(Bovendeerd et al. 2006, Geven et al. 2004);
Study of venous valves in pressure shielding in the lower
extremity (Zervides et al. 2008);
Simulation of venous circulation in lower extremities
(Snyder and Rideout 1969).
As  boundary | The OD | Multi-scale simulation of the cardiovascular dynamics
condition in | circulation (Formaggia et al. 2006, Liang et al. 2009, Migliavacca et
multi-scale system model | al. 2006, Pontrelli 2004, Watanabe et al. 2004).
simulation of | was  coupled
cardiovascular | with the
dynamics distributed
parameter
models (1D,
2D or 3D).

1.4.8 Commentary on 0D modelling applications reported in this thesis

The author has applied his OD model to study thidi@@ascular response in a number
of application cases (Korakianitis and Shi 2006crakianitis and Shi 2007, Shi 2008,

_34_



Shiet al.2011a, Shi and Hose 2009, Shi and Korakianitis2@hiet al. 2007, Shiet
al. 2010, Shet al.2011c). Chapters 3 to 5 of the thesis reportegktBelected cases.

1.4.8.1 Case study 1: Modelling of cardiovascular response under pulsatile

impeller pump support

This study is presented in Chapter 3. In recentsydlere has been strong interest in
the study of circulatory response under the healire condition with artificial heart
support (Mahmoodet al. 2000). The main driving force behind this is theere
increasing number of heart failure patients. Changfdife style and food structure in
the modern society, together with increasing loitgevenormously increase the
occurrence of cardiovascular diseases includingt li@iture. For those end stage heart
failure patients whose cardiac muscles are so comiged that they are not responsive
to pharmaceutical stimulations (Birkes al. 2006, Fraziert al. 2004), the only long-
term treatment option is cardiac transplantatioowelver, the number of donor hearts
available is always far less than required. Dutlmg long waiting period for the donor
hearts, the blood circulation of the patient needse supported with ventricular assist
devices (VAD). In principle, VAD is a mechanicabbld pump that works alongside
and bypasses the patient’'s native heart, so tleablthod circulation in the patient is
mainly driven by the VAD instead of the diseasedrhe

Table 1-7 Comparison of the two traditional types of VADs

Displacement pump Impeller pump

First generation of VAD design, has longer | New generation of design
history

Bulky, has more moving parts, and thus has | Small size, has less moving parts, and thus
more chances to develop mechanical failure has less chance to develop mechanical failure

Produces pulsatile blood flow, similar to that in | Produces steady flow (no pressure/flow pulse)
the physiological condition

Less likely to cause damage to blood cells More likely to cause damage to blood cells
due to high rotating speed of the rotor

More chances of infection Less chances of infection

Expensive Relatively cheap

Current VAD related studies cover several direcjoffom the fundamental device
characteristics study (Bourqet al. 2001, Chouet al. 2001, Gobekt al. 2001), to the
assistance effects of the VAD (Biglirat al. 2010, Biglinoet al. 2008, de Lazzaet al.
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1994, Ferraret al. 2011, Fresielleet al. 2013, Khir 2010, Khir 2011, Khiet al. 2005,
Khir et al. 2003, Khiret al. 2006, Schampae#dt al. 2013a, Schampaeet al. 2011),
physiological VAD control (Abeet al. 1998, Arndtet al. 2008, Barneaet al. 1992,
Bullister et al. 2002, Casast al. 2007, Drzewiecket al. 1990, Giridharan and Skliar
2003, Hsu 2004, Nakatt al. 1999, Ohuchet al.2004, Olegaricet al. 2003, Water®t
al. 1999, Wuet al. 2003) and VAD clinical application studies (Ei+izgyosyet al.
2000, Frazieret al. 2004, Stevenson and Rose 2003). Engineering andicate

researchers are both active in the area.

Currently there are two types of commercial VAD gwots available on the market for
middle to long term patient support. One is theldisement pump, and the other is the
impeller pump (also called rotary pump) (Mahmoetdal. 2000). The displacement
pump VAD design was developed to resemble the wgrkif the human native heart.
In the pump there are two mechanical heart valeggspped at the inlet and outlet of
the pump flow channels to keep the one-way floveation. The main VAD working
area is an elastic chamber whose wall was drivesitbgr a mechanical or a pneumatic
mechanism to produce a periodic volume change éndiamber, to simulate the
contraction and relaxation of the human native thehamber in a heart cycle. The
alternative design of impeller pump VAD is quitendar to the impeller pump used for
delivering water or oil in industrial applications) which a rotor is continuously
rotating inside a stator chamber and driving tledlfrom the pump inlet to the outlet
against a pressure difference of about 100mmHgleTR7 compares these two types
of VADs. Generally each of these two traditional WAlesigns has its advantages and
disadvantages (Takatani 2001). Compared to theladgisment pump, the impeller
pump has the advantages of compactness, no vavaspler control system, lower
power consumption and reduced cost, thus giviggeiaiter market potential. However,
the impeller pump is designed to work under thestamt rotating speed mode, and thus
produces no pressure pulse in the patient bodyid8gshese two types of VADs for
middle to long term usage, there is another typ&AD called intra-aortic balloon
pump (IABP), developed specifically for short teminculatory support. IABP is a
balloon type device inserted to the ascending amrtde patient through the femoral
artery, and the balloon is inflated and deflatedqguoically in phase to the contraction
of the patient native heart, to assist the disedsadt in pumping more blood to the
peripheral organs. Khir and co-workers (Biglimd al. 2012, Biglino et al. 2010,
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Biglino et al. 2008, Ferrareet al. 2011, Fresielloet al. 2013, Khir 2010, Khir 2011,
Khir et al. 2005, Khir et al. 2003, Khir et al. 2006) had worked extensively on
experimental and numerical studies of cardiac nmespowith IABP support, and

specifically studied the influence of patient pestan the IABP functioning.

While the discussion on the physiological imporeanof the pressure pulse in
maintaining normal blood perfusion to the humanybbas continued for many years, a
major part of the arguments were about whetherptiessure pulse is important in
maintaining the normal cardiovascular physiologypiatients supported with VAD
(Chow et al. 1997, Ei-Banayoset al. 2000, Isoyamaet al. 2000, Khiret al. 2006,
Koeniget al. 2004, Potapoet al. 2000, Qian 1996, Qiaet al. 2000, Sezaet al. 1999,
Undar 2003, Undar 2004, Undat al. 1999, Undatret al. 1998). In recent years some
researchers (Sezat al. 1999, Undar 2004) claimed that pressure pulse dras
important effect on cardiovascular physiology: ibqmotes kidney and liver perfusion,
and promotes microcirculation at the cell level ehis important in the early treatment
of acute heart failure. Also some clinical evideriEeazieret al. 2004, Undar 2003)
seemed to suggest that patients supported withlienggumps has more chances to
develop cerebral complications than patients supdowith displacement pumps,

given other clinical conditions being same.

In such a situation, some researchers (Gétoal. 2001, Gobekt al. 2001, Qian 1996,
Vandenberghet al. 2005) proposed to generate the pressure pulde ipdtient body
by periodically modulating the rotating speed ia tmpeller pump in each heart cycle,
with the hope to enjoy the benefits of both typ&€d/ADs. They have worked along
this line and reported their initial successfulitro results. In reviewing their works, it
is apparent that there were some negative resptataeto which the authors, perhaps
surprisingly, provided no comments. For examplgnificant regurgitant pump flow
was identified in (Qian 1996, Qiaet al. 2000) (Vandenberghet al. 2005); strong
negative pressure was developed at the pump migabelet al. 2001). These are all

deleterious effects that should be avoided in VApligations.

To validate the idea of producing pulsatile cardlaw by modulating the pump speed
in impeller pump, the current author adapted higlehdor the OD analysis of this
procedure (Shet al. 2011a, Shet al. 2010). The study is reported in Chapter 4 of this
thesis. The author started by investigating thertéate® Il impeller pump (Thoratec
Corp, CA, USA). This pump was chosen because Hedae® is a well-established
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brand, and the detailed pressure-flow charactesisif the pump are available in the
open literature (Bourquet al. 2001). In carrying out the study, the author used
polynomial to fit the pressure-flow curves of thengp. In the study the pump inlet was
cannulated to the left ventricular apex and thelebuto the ascending aorta. A
sinusoidal change with horizontal offset was spedifas the motion profile in the
pump. The horizontal offset determined the meangpélow so that the general pump
output approximates the normal cardiac outpubbimin, and the sinusoidal speed
variation was chosen because this causes minimztianeal impact in the pump. Both
the amplitude of the sinusoidal change and theeglzgsbetween the sinusoidal change
and the native ventricular contraction were changedbserve the cardiovascular
response under different pump speed modulation igons. The physiological
variables of atrial pressure, arterial pressur@etn@ilar pressure, ventricular volume,
and cardiac output etc. were observed and comp@reddifferent study cases.
Generally the results shows that it is impossibléirtd a proper motion profile for the
HeartMate® IIl impeller pump so that the pump spead be effectively manipulated
to produce physiologically meaningful arterial pa® pulsation (as suggested by the
literature, a minimum arterial pressure pulsatioh 1 mmHg is considered as
physiological meaningful). In a small number of dtions a pressure pulsation of
15mmHg can be purposely induced in the pump, buhatsame time strong flow
regurgitation also developed in the pump, whichremusly decreases the pump
efficiency and would cause undesirable complicaiohpulmonary hypertension, thus
these situations should be avoided.

The conclusion with the HeartMate® Il impeller pproannot be directly extrapolated
to other impeller pumps, as the cardiovascularaesg is closely related to the specific
pumps in use. Having examined the HeartMate® Ithputhe author extends the same
study to the Berlin Heart InCor® impeller pump (BeHeart GmbH, Berlin, German).
To standardise and quantify the comparison of wfie cardiovascular conditions, in
Chapter 3 the author constructed a performancexitalgeflect the deviation of the
cardiovascular response from that of the idealthgatondition. The performance
index was defined as a weighted average of the rir@pb cardiovascular variables
including the cardiac output, atrial pressure, ratepressure, ventricular pressure,
ventricular volume, ejection fraction etc. The sapuemp speed modulation strategy
used in HeartMate® study was applied in the Bdafeart InCor® study. Results for
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the Berlin Heart InCor® pump supported the sameckwmion as that for the
HeartMate® Il pump. Overall, the evidence collecss far does not support the idea
of producing physiologically meaningful arterialepsure pulsation by modulating the
pump speed in the impeller pump.

1.4.8.2 Case study 2: Physiological control of VAD

This study is elaborated in Chapter 4. The majasitgnd stage heart patient patients
need to live with VAD support for a long periodtohe during their waiting for donor
heart available (Reul and Akdis 2000). During thaiting period, patients go back
home and lead normal family lives. They will expeeige different physiological
conditions, from rest to taking up some mild exsgciand emotional variations etc.
Such changes in the physiological conditions atellys accompanied by variations in
cardiovascular response. How to adapt the VAD sdpjomatch the variations of
cardiovascular needs is an important issue to densiCurrent commercial VAD
products all require human intervention in suchuatibns. During transition of
physiological conditions the VADs need to be tunednually by experienced
technicians, or the patients are trained to adhestVAD working by themselves (Reul
and Akdis 2000). Such manual tuning is inefficiantd unsafe. It is highly imperative
for some automatic control algorithms to be implated in the VAD control unit, to
automatically tune the VAD working to suit the chgas of body needs in different
physiological conditions.

The fundamental aim of VAD control is to deliveettailored amount of cardiac output
to suit the oxygen and nutrients demands in theeqabody in different physiological

conditions, and at the same time maintaining themab level of arterial pressure so
that the important peripheral organs receive prdpeod perfusion at all times. The
arterial pressure approximately equals the prodifcthe cardiac output and the
vascular impedance. Since the blood vessels irp#ient body often have different
degrees of dilation or contraction in responseht® disease condition, which already
changes the vascular impedance, it is impossibctarately control both the cardiac
output and the arterial pressure in the patientybtwd match that of the healthy
condition. At best, only one of these two is prelyiscontrolled while the other is

maintained within a reasonable range.
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Besides the fundamental control aim above, thexeadvanced aims to be addressed in
VAD control. These include: 1) to meet further nietlic requirements of the patient
body by maintaining physiological variables of heeate, ejection fraction, arterial
pressure, blood oxygen saturation level, blood pt#ll partial pressure of carbon
dioxide in the blood etc. all in the normal rangeto make the patient feel comfortable
during the transition of the physiological conditjB) to monitor the VAD working for
fault detection, auto diagnosis and auto correctaomd 4) to minimise the energy
consumption of the VAD during its working. Theseugements are difficult to meet
at the same time, and some of them are even hagiidaatify with clearly defined
physical variables. The majority of published reskdocuses only on the fundamental
aim of controlling either the cardiac output (Adeal. 1998, Chokt al. 2001, Heet al.
2005, Hsu 2004, Klutet al. 1992, Saitoet al. 1999, Yoshizawaet al. 1992) or the
arterial pressure (Barnest al. 1992, Bullisteret al. 2002, Heet al. 2005, Kosakaet al.
2003, Wuet al.2003).

The current author started his research on VAD robfity choosing the new VAD
design of reciprocating valve pump as the objecstofdy (Shiet al. 2011c). The
detailed study is presented in Chapter 4 of thesith The reciprocating valve pump has
several advantages over the traditional VAD desigrbat it causes no damage to the
cardiac muscle and no fusion of the heart valve §é8d Korakianitis 2006, Stat al.
2007), while these two problems are common in patiemplanted with either the
displacement pump or the impeller pump. The meéarial pressure was selected as
the target variable because this helps to simpti&/control algorithm design. In using
the cardiac output as the control target, it isessary to prescribe the optimal cardiac
output that corresponds to each specific physiclgcondition (rest or exercise).
While by maintaining a constant mean arterial pressthe cardiac output produced
will be automatically regulated by the vascular @dance change in the patient body.

For the implementation of the VAD control, the autlused the pressure at the VAD
outlet as the surrogate for the arterial pressamd, adopted the proportion-integration-
differentiation (PID) control law to control thergke of the VAD based on the arterial
pressure feedback. Previous researchers have uBecbRtrol as well as some other
more complex control algorithms such as optimatiriBarneaet al. 1992, Heet al.

2005, Kluteet al. 1992), fuzzy logic (Choet al. 2001, Hsu 2004), or modern linear
feedback control (Kitamura and Gross 1990) in teaidies. Compared to these more
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complex control algorithms PID control, althougmple, has been applied in industrial
practice for decades and has proven to be moreiegfti more robust, and a more
reliable control law in dealing with all kinds ofreng non-linearity in the systems.
More important is that PID control can be implenaehtvithout knowing the accurate
mathematical model of the system. By enhancingriduditional PID algorithm with a

simple online tuning capability, the parameters tbe PID controller can be

automatically determined through analysing the @asp in a limited number of trial

conditions. During system operation, if the envir@mt conditions change
significantly, the online tuning module can alsdcematically tune the PID parameters
to suit the changed situation and still maintam ¢iptimal response in the system.

In the research the PID control algorithm was testgainst a representative case of
transition between the rest condition and mild eiser condition. The corresponding
results were compared with that has no VAD confReisults proved that the controller
design could satisfactorily regulate the VAD mottorsuit the change of physiological
conditions. Following this initial success, in thext stage effort needs be made to
construct a more comprehensive control index, tregs some of the advanced control
aims whilst maintaining the arterial pressure @rc¢hrdiac output.

In implementing the VAD control system, some resbkars (Ayreet al. 2000)
proposed the idea of using the intrinsic VAD voétagr current signals for the
estimation of arterial pressure or cardiac outfanges, in order to save the usage of
transducers. This is an attractive idea, but witine limitations. VAD voltage or
current signal is influenced by both the pre-load the after-load to the VAD. Arterial
pressure and cardiac output are related only toaftex-load of the VAD. From the
change in VAD voltage or current signal alone itdifficult to judge whether the
change is due to pre-load or after-load variatidius the current author thinks it is still
preferable to use a physical transducer to medhkararterial pressure changes.

1.4.8.3 Case study 3: Design optimisation of cardiovascular bioreactor

This study is detailed in Chapter 5. Lumped-parametodelling is a generic research
method. Any engineering, biological or social systewhose dynamics can be
described by a group of mixed algebraic and orgimhfferential equations, can be

effectively studied with the lumped-parameter mbagltechnique.
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In the past decades, tissue and cell level cardamuar research are receiving ever
increasing attention among researchers, with tpeaation that regenerative medicine
and molecular biology will revolutionise medicalaptice in the future (Basu and
Ludlow 2012, Fisheret al. 2013). In tissue engineering studies, the biogaist the
indispensable equipment that is used to providesthtable biological environment
during the tissue or cell growing (Sodian al. 2002). Over the years the bioreactor
design has experienced enormous changes (Batrah 2003, Chen and Hu 2006,
Martin et al. 2004, Martin and Vermette 2005, Portregral. 2005). Early designs of
bioreactors focused on providing the necessaryiemis; pH level, temperature, and
humidity environment to the growing tissue and selh such designs, the growing
tissue or cells are immerged in a liquid growingdimen, and the growing medium is
routinely replenished or replaced to meet the meguibiochemical and physical
conditions for tissue/cell growing. Later on, it sveecognised that pressure and shear
stress have important regulation effects on theu#éisand cell growth. To mimic the
shear stress stimulation on the growing tissue egits, the second generation of
bioreactors designs were proposed and put intoeusagwhich either the growing
medium chamber was sloshing periodically, or a watemp was used to circulate the
growing medium at a constant speed inside the botoe. These improved designs still
suffer the constraint that the shear stress argspre cannot be accurately controlled to
reproduce the periodic variations representativéhefphysiological condition. More
sophisticated third generation designs were deeelap recent years. These advanced
bioreactor designs function like a mock circulatiegstem rig enhanced with
biochemical (pH level, nutrients) and environmemr@hdition (temperature, humidity)
controls, using mechanical and electric componessembly to produce periodic
pulsatile flows to mimic the pressure and sheasststimulus needed during tissue and
cell growth. The biochemical and environmental ¢ood control (i.e., nutrients, pH
level, temperature etc.) part were generally simdahat in previous designs, while the
more complex motion control part in these sophaséd bioreactor designs demands
more careful design considerations. To achievecpitesd periodic pressure and shear
stress variations representative of that in thedmubody, not only the geometry of the
growing chamber needs to be optimised, but alsortbBon control mechanism and
the motion profile need to be carefully chosen amdluated. Such a procedure is not
intuitive and requires several repetitions of tlesign-evaluation-revision cycle. This is

an area in which numerical simulation can playrapdrtant part for the optimisation
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of the system design. However, up to now relativigdw experimental studies of
bioreactor design have been reported in the operature (Naritaet al.2004, Sodiaret
al. 2002, Sodianet al. 2001), and there is no system level modelling besn

conducted to optimise the bioreactor system dynsmic

In filling the gap, this author applied the OD mbidg technique to study a typical
bioreactor design proposed by previous researchdes.bioreactor design has much
similarity to a simplified human circulation systesnpported with a displacement
pump type VAD. The upper and lower medium chambsraell as the tissue construct
behave like a weakened heart chamber. A silicophda&gm pump activated by a
pneumatic source produces volume and pressuretisasan the medium chambers,
just like a pneumatically activated VAD supporte thieakened ventricle in the human
body. Two one-way valves maintain the flow direotim the same way as the heart
valves. Silicon connecting tubes and a medium wveserfunction as the vessel
network, to form a closed loop and to store thesflagd for circulation. As the system
dynamics is dominated by the transformation andvemsion between the Kkinetic
energy and the potential energy, due to the effeftdrictional loss, component
elasticity, and medium fluid inertia in the systethe hydraulic-electric analogue
concept in OD cardiovascular modelling can be &gtio analyse the bioreactor system
dynamics. By deriving the governing equations fer mass and momentum balance in
the bioreactor system, a OD model was construcethé analysis of the system level
hydro-dynamics in the bioreactor. The model paransetvere assigned to match those
in the experimental design in the literature. Semioh results agreed well with that in
the previous experimental studies of (Nagtaal. 2004, Sodiaret al. 2002, Sodiaret

al. 2001).

Modelling of hydro-dynamics in pulsatile bioreagoconcerns both system level
lumped-parameter study and component level digedparameter study. System
level study is implemented using OD modelling asdused for the evaluation of
pressure and flow profiles in the reactor. Thismaim of such study is to decide the
optimal system configuration and ensure that theeeted pressure changes can be
realised in the system. Based on the simulated @thange and the geometry of the
tissue construct and medium chamber, OD modelliag also provide an initial
estimation of the shear stress level in the sysitdm. component level study is based
on CFD calculation in the local area of the tissoastruct for the investigation of
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velocity and shear stress distributions, as impteaetein (Davidsoret al. 2003, Dubey
et al. 2006, Singhet al. 2007, Williamset al. 2002, Zenget al. 2006). This type of
study is mainly applied to evaluate the flow distition related effects on the tissue/cell
growth, for example: 1) to evaluate the mechanitzahage to the growing tissue or
cells based on the predicted shear stress digtihuor 2) to identify the under-
perfused zones in the tissue construct causediydlagnation, based on the predicted
velocity distribution. Such information can be usedreference for further optimisation
of the bioreactor geometry. When combined with ntasssportation modelling and
empirical equations for tissue/cell growth, thisudst can also predict the flow
modulated tissue/cell growing process in the bict@a Due to the computing expense
involved, this study is not suitable for simulatitite pressure profile as predicted by
the system level OD modelling. These two levelsstfdies should be applied in
combination to provide a comprehensive simulatinalysis of the hydro-dynamics in
the bioreactor. This is also part of this authgrfan for the next stage of bioreactor

modelling.

1.4.9 Multi-scale modelling

The cardiovascular system is a closed network, thede are strong interactions
between its components. Emphasis on either onlygtbleal circulation dynamics or
only the local flow features can provide only partinformation of the whole
cardiovascular response. In recent years there bhaee rapid developments in the
application of multi-scale modelling techniqueswihich 0D models are coupled with
1D, 2D and/or 3D models to form complete repredemsa of the cardiovascular
system, as reviewed by van de Vosse in (van de e/@¥3). Typically local
haemodynamics is computed in an anatomically te&algetailed 3D model of the
organ or region of interest, and boundary cond&itor this domain are provided by
coupled or uncoupled 0D or 1D system models. Quant¢Quarteroni 2001) reviewed
the development of cardiovascular system modellmg, gave a basic introduction of
the concept of multi-scale modelling. When coupliigyand 1D models, pressure and
flow can be directly exchanged at the interfacehef two types of models (Pontrelli
2004) (Formaggiat al. 1999). A special issue that arises when couplD{.D models
to 2D/3D models is that of dealing with the problefrdefective boundary conditions:
the lack of distribution information makes the floate description in OD/1D models

insufficient to be applied as conditions for 2D/8idels. Possible solutions include
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mapping of flow-rates from OD/1D models to a vetgcdistribution based on
Womersley’s solutions (Womersley 1955, Womersle®7)9for transient flows in a
long tube (Formaggiat al. 2001). Based on these coupling strategies, mtdileshas
experienced enormous development in recent yeadshas been extensively applied
in the numerical simulation of aortic flow (Formag@009, Formaggi&t al. 2001,
Formaggiaet al. 2006, Formaggi&t al. 1999, Formaggia and Veneziani 2003, Kein
al. 2009, Kroonet al. 2012, Lianget al. 2009, Migliavacceaet al. 2006, Milisic and
Quarteroni 2004, Olufsen 1999, Stergiopudbsal. 1998, Tayloret al. 2010, Tayloret
al. 2001, Wanet al. 2002), coronary flow (Formaggia 2009, Formageiaal. 2006,
Formaggieet al. 1999, Smitlet al. 2004), and cerebral flow (Kroaat al.2012, Mulder
2011, Mulderet al.2011).

1.5 Structure of the thesis and authors’ contributions to the papers

included in each chapter

This thesis reports a series of OD cardiovasculadetiing studies selected from the
author’s previous works in the area. These stufiies a coherent description of the
author’s previous 0D modelling works with appliceits to cardiovascular related
research, while each chapter also stands on its awinfocuses on a specific sub-
direction within the overall framework. This chaptentroduces the background
knowledge of cardiovascular circulation, reviewg ttoncurrent OD cardiovascular
modelling research, and comments on the works tegan the following chapters.
Chapter 2 introduces the development of an improviednped-parameter
cardiovascular model that includes the effects taalacontraction, atrial-ventricular
septum motion, and heart valve dynamics. Chapter [Zased on the following two
papers:

e Korakianitis T., Shi Y., A Concentrated Parameteodd for the Human

Cardiovascular System Including Heart Valve Dynarand Atrio-ventricular
Interaction,Medical Engineering & Physi¢c28(7), pp613-628, 2006

e Korakianitis T., Shi Y., Effects of Atrial Contrash, Atrio-ventricular
Interaction, and Heart Valve Dynamics on Human @aabscular System
ResponseMedical Engineering & Physi¢28(8), pp762-779, 2006

For these two papers, Shi Y designed the studydwziad the research, drafted and
revised the papers. Korakianitis T revised and stibdithe papers.
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Chapters 3 to 5 present three application casebeofD cardiovascular modelling,
using the model elaborated in Chapter 2. Chapterabout a numerical study of the
cardiovascular response under the heart failur@iton supported with the varying
speed impeller pump type VAD, which is based onftlewing two papers:
1. Shi Y., Brown A., Arndt A., Nuesser P., Lawford FHpse R., Numerical
Modelling and Evaluation of Cardiovascular Respomseer Pulsatile Impeller

Pump Type VAD SupportJournal of the Royal Society: Interface Foct3),
pp320-337, 2011

2. Shi Y., Hose R., Lawford P., Numerical Modelling Bemodynamics with
Pulsatile Impeller Pump Suppornnals of Biomedical Engineerin@8(8),
pp2621-2634, 2010

For these two papers, Shi Y designed the studydwziad the research, drafted and
revised the papers. Shi Y and Hose R worked odé¢isggn of a physiological index for
the evaluation of cardiovascular response in pap&rown A participated in revision
of paper 1. Lawford P revised the papers. Hose \ised the papers and approved
submission of paper 1 and 2. Arndt A and Nuessprokided the pump performance

data and approved the submission of paper 1.
Chapter 4 explores the topic of VAD feedback cdrdral is based on the paper:

e Shi Yubing, Shi Yuhui, Korakianitis Theodosios, Bimjogical Control of an
In-series Connected Pulsatile VAD: Numerical Sirtiala Study, Computer
Methods in Biomechanics and Biomedical Engineeritd(11), pp995-1007,
2011

For this paper, Shi Yubing designed the study, ootetl the research, drafted, revised
and submitted the paper. Shi Yuhui participatedh@ development of the control
algorithm. Korakianitis Theodosios approved thersigision.

Chapter 5 extends the OD modelling technique ferdtudy of the hydraulic response
in a cardiovascular bioreactor. This chapter ietam the paper:
e Shi Y., Numerical Simulation of Global Hydro-dynamsi in a Pulsatile

Bioreactor for Cardiovascular Tissue Engineeridgurnal of Biomechanigs
41(3), pp953-959, 2008

For this paper, Shi Y designed the study, condutitedresearch, drafted, revised and
submitted the paper.

Chapter 6 summarises the works reported in thisithexplain the some on-going

research as the extension of the reported studlysaggests the future directions for
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further research breakthroughs. The last sectiothisf chapteris adapted from the
paper:
e ShiY., Lawford P., Hose R., Review of Zero-D an® Models of Blood Flow
in the Cardiovascular Syste®iomedical Engineering Onlind.0:33, 2011
For this paper, Shi Y conducted the review, dratiad revised the paper. Lawford P
revised the paper. Hose R overviewed the revienkwewised the paper and approved
the paper submission.
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Chapter 2 Development of a Lumped Parameter Model
for the Human Cardiovascular System Including Heart

Valve Dynamics and Atrio-ventricular Interaction?

Numerical modelling of the human cardiovascularneyshas always been an active
research direction since the 19th century. In thet,pvarious simulation models of
different complexity were proposed for differensearch purposes. In this chapter an
improved numerical model to study the dynamic fiorctof the human circulation
system is proposed. In the development of the madhieal model, the heart chambers
are described with a variable-elastance model. siiseemic and pulmonary loops are
described based on the resistance-compliancedanedncept by considering local
effects of flow friction, elasticity of blood vedse and inertia of blood in different
segments of the blood vessels. As advancement fi@awvious models, heart valve
dynamics and atrio-ventricular interaction, inchgliatrial contraction and motion of
the annulus fibrosus, are specifically modelled.thWihese improvements the
developed model can predict several important featthat were missing in previous
numerical models, including regurgitant flow on tealve closure, the value &/A
velocity ratio in mitral flow, the motion of the mamlus fibrosus (called the KG
diaphragm pumping action). These features have nirapbclinical meaning and their
changes are often related to cardiovascular dise&sccessful simulation of these
features enhances the accuracy of simulationsrdfmascular dynamics, and helps in

clinical studies of cardiac function.

2.1 Introduction

Numerical simulation of physiological and pathotsdi changes in the human
cardiovascular system has its origin in the 19tituy (Nichols and O."Rourke 1990),

1 Adapted from:

e Korakianitis T., Shi Y., A Concentrated Parameter Model for the Human Cardiovascular System
Including Heart Valve Dynamics and Atrio-ventricular Interaction, Medical Engineering &
Physics, 28(7), pp613-628, 2006

« Korakianitis T., Shi Y., Effects of Atrial Contraction, Atrio-ventricular Interaction, and Heart Valve
Dynamics on Human Cardiovascular System Response, Medical Engineering & Physics, 28(8),
pp762-779, 2006
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and it has become an active research area in gtedpaades with the development of
computer technology. Various mathematical modelse Haeen proposed to study the
dynamics of the cardiovascular system. General fmadehis area can be classified as
distributed parameter models and Lumped Parameteleln Distributed parameter
models are mostly used in investigations of locahaimics in certain parts of the
cardiovascular system, including the heart (Baceamil. 2002), heart valves(Cacciola
et al. 2000, Shiet al. 2003), and blood vessels (Einatval. 1988), with computational
fluid dynamics (Baccanget al. 2002, Shiet al. 2003), finite element analysis (Cacciola
et al. 2000), transmission line method (Einatval. 1988, Myers and Capper 2002) etc.
In contrast, Lumped Parameter models (also catbedentrated parameter models) are
mostly used to study the global response of theuldtion system, and although
sometimes a local part is studied, the ultimateetarof research with Lumped
Parameter models is still the global response etifstem.

Lumped Parameter modelling in the cardiovasculatesy began with the Windkessel
model proposed by Otto Frank in 1899 to model #eegal resistance and capacitance
effects of systemic blood vessels (Nichols and GuiRe 1990, Noordergraaf 1978).
Later this evolved into: the modified Windkessel deb (for instance (Sharp and
Dharmalingam 1999)); nonlinear viscoelastic propestudy of vessel segments
(Barneaet al. 1990); pressure-dependent description of veiasr{@aet al. 1990, Luet

al. 2001); pressure-dependent description of vengaecf_u et al. 2001); pressure-
dependent compliance effect of the arteries (Beager Li 1992, Liet al. 1990); and
variable resistance effect of arterioles (Ursin®@&)9 In recent years several fractal
models of the blood vessel have been proposed (Br896, Grasmaet al. 2003).
The early discussion on heart models was on whétleecharacteristics of the ventricle
are better described as a pressure driven or aréitevdriven phenomenon, as referred
to by Leefet al (Leefe and Gentle 1995). In the 1970s Semyal (Sugaet al. 1973)
proposed a variable elastance model for the véatridtiis model attracted the attention
of most researchers, and it has been widely used fhen on (Barnea 1994, Barnsta
al. 1990, Berger and Li 1992, Burkhddt al. 1988, Drzewiecket al. 1996, Heldtet al.
2002, Luet al. 2001, Olansemrt al. 2000, Pennatet al. 1997a, Pennaet al. 1997b,
Santamore and Burkhoff 1991, Sen al. 1997, Thomaset al. 1997, Ursino 1998,
Ursinoet al. 1996, Ursino and Magosso 2000a, Ursino and Mag®880b, Ursino and
Magosso 2003, Vollkroret al. 2002, Yakuet al. 1991). Some researchers even
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extended this model to study the atrial contracaffact (Pennatet al. 1997a, Suret
al. 1997, Vollkronet al. 2002). New activation functions for this modeloaés/olved in
recent years (Ottesen and Danielsen 2003). Berideglling the heart chamber, some
researchers also studied intra-ventricular inteactChunget al. 1997, Olansewt al.
2000, Santamore and Burkhoff 1991, Satnal. 2000), postulating that this crosstalk
between the two neighbouring ventricles affects tflebal dynamic response.
However, in a critical review Melchioet al (Melchior et al. 1992) implicitly

guestioned the importance of intra-ventricular ratéion.

Models of neurological regulation in the cardiou#lac system have also been
developed. Closed-loop regulation models of theliogascular system were proposed
in which the pressure signal in the barorecepta fed back for combined sympathetic
and parasympathetic control of the heart rate,rng@tcontractility, arteriole resistance
and vein tone (Heldet al. 2002, Luet al. 2001, Suret al. 1997, Ursino 1998, Ursino
1999, Ursinoet al. 1996, Ursino and Magosso 2000a, Ursino and Mag@s€db,
Ursino and Magosso 2003). These studies have seaniging applications in areas
such as orthostatic response in training of astrisnatudy of physiological processes
like haemorrhagic shock, and so on.

These studies greatly improved our understandinganfliovascular dynamics, but
there are still areas unexplored in the modellingrkw One issue is the detailed
analysis of heart valve dynamics. In the humantHear heart valves work together to
keep the blood flowing in one direction. Heart \aldynamics greatly influence the
pressure and flow-rate changes in the heart. Iwvique investigations these heart
valves were mostly modelled as diodes plus a linearnonlinear resistance
(Drzewieckiet al. 1996, Heldtet al. 2002, Pennatet al. 1997a, Pennaet al. 1997b,
Vollkron et al.2002). This description puts more emphasis orndi@ characteristic of
one-way flow in the heart valve, while the more pdam aspects of valve dynamics
were ignored, so that realistic features of lo@hbdynamics such as regurgitant flow
were not simulated. £&k and Krause (Zacek and Krause 1996) used theepbot a
time-dependent drag coefficient to describe thethesdve in their simulation. In their
work the drag coefficient is a function of the \@lwpen area, and it approaches infinity
when the valve is closed. The drag coefficientsenatded to the losses of the conduit
where the valve was situated. Werme¢ral (Werneret al. 2002) described the valve

dynamics by introducing the concept of dead-spadanve, which is the volume of
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fluid contained in the valve region. The dead-spaaleme is a function of the valve
leaflet opening angle, and the volume is zero whernvalve is fully closed. These two
models improved heart valve modelling, but thel&ahotion was prescribed instead
of computed, so that the blood-leaflet interactadfect, which dominates the leaflet

dynamics, was not considered.

Yacoubet al (Yacoubet al. 1996) studied the aortic outflow and the aortiotrand
suggested that aortic flow is a tale of dynamism erosstalk between the blood and
the surrounding structures including sinuses ofsslah, valve cusps, and the
contracting ventricle chamber. Besides the cornitractnotion of the ventricle, the
aortic root and valve cusps also have smooth msisioée contribute to the crosstalk. In
this complex interaction vortices form in the siesiof Valsalva. These vortices play
an important role in smooth valve opening and aesand aid coronary flow. This
opinion gives a realistic and in-depth descriptidrphysiological phenomena in aortic

flow.

Due to limitations in research methods and compufiailities, realistic modelling of
blood-valve dynamics can only be carried out withsiderable simplifications, e.g. by
omitting the contraction and elasticity of the v@leusps and aortic root, ignoring the
effect of vortices in the sinuses of Valsalve, andsidering only the effect of pressure
difference and shear stress in the valve. Somaresevork has been carried out in this
direction (de Hartet al. 2003a, de Haret al. 2000, de Haret al. 2003b, Kiriset al.
1997, Laiet al. 2002, Makhijaniet al. 1996a, Makhijanet al. 1996b, Makhijaniet al.
1997, Shiet al.2003).

In the current research such distributed-paranmascription for the valve function is
adapted and included within the concentrated-pamstudy for the overall dynamic
model of the circulation system. This helps to datelthe dicrotic notch in aortic
pressure, and the regurgitant flow on valve closwieich are important features in
revealing pathological and physiological changeslimical diagnoses. In comparison
to previous models that treated the heart valvelaakes combined with resistances, or
modelled the valve dynamics but used prescribeflietemotion, the proposed model

improves the accuracy of the simulations

Another issue is the atrio-ventricular interacteffect, which was analysed and termed
the KG diaphragm by Korakianitis and Grandia (Keaakis and Grandia 2003),
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because it acts as a diaphragm pump (as opposediitoding septum like the atrial
septum). Kilneret al. (Kilner et al. 2000) briefly discussed the role of this atrio-
ventricular interaction in their research of asyetme redirection of flow through the
heart. Power (Power 1979) modelled this effect \aitfirst order differential equation
in his numerical simulation of systemic circulatidtiowever, in Power's analysis only
the pressure difference and the elastic force enséptum were considered, while the
active stretching actions of the atrial and ventac chamber walls were ignored. With
Power's model, in the systolic phase the KG diagphravould bulge into the atrial
chamber due to increased ventricular pressure. résisit is exactly contrary to what
happens under the physiologic systole conditiowhiich the KG diaphragm is pulled
into the ventricular chamber due to the active @mtile action of the surrounding
ventricle wall. In the work reported here, the cimition of the KG diaphragm motion
to cardiac dynamics is modelled by including thieafof nearby tissue stress on the
KG diaphragm, based on the MRI measurements oalthlgehuman volunteer.

The current work is a further contribution in candiscular system modelling. In this
study a numerical model of the whole human ciréotasystem is presented, which
includes several phenomena that were not simulmtgutevious models. The heart
chambers are described with the variable-elastamadel as proposed by Sugaal
(Sugaet al. 1973). Features of atrial contraction motion, thanping effect of the
motion of the KG diaphragm, and dynamics of therthealves are specifically
included in the proposed model. In the simulatiirsdeveloped model is solved with
a 4-stage Runge-Kutta method to study the systsporse under the action of these

features.
2.2 Method

2.2.1 MRI Measurement of Cardiac Dynamics

As preliminary experimental study of cardiac dynesrior this work, and in order to
provide suitable inputs to the numerical models Ml measurements of geometric
changes in the four heart chambers of a healthyanusabject was carried out. The
subject was scanned with a 1.5-T Philips Gyrosc&sANT MRI system (release 8.1,
Philips Medical Systems, Best, The Netherlanddizing a 5 element cardiac phased
array coil. Vectorcardiographic ECG gating equipmeamas employed for accurate

cardiac synchronisation. Survey images were fipthioed, and subsequent breath-hold

_53_



balanced fast field echo (steady state free preEggssine images were performed in:
left heart 2 chamber; short axis 2 chamber; andzbotal long axis 4 chamber
orientations, in order to plan standard planescérdiac short-axis imaging. In these
short-axis measurements 20 slice levémmthick with zero gap) that spanned from
the apex of the ventricles to the cardiac basdugmg the atria) were captured. At
each level cine imaging was performed using setgitencoding parallel acquisition
to allow 30 phases per cardiac cycle in a breatt;with a field of view of420mm
and an image matrix a256x 256. The in-plane resolution was6mm. Similar multi-
slice, multi-phase cine imaging was performed iansraxial planes with similar
parameters. Corroborative phase contrast quanétéitiw imaging for flow curves was
performed across both the aortic root and righttnarar outflow tract with
retrospective ECG gating and a temporal resolutbr35 cardiac phases per heart

cycle.

Post-processing consisted of evaluating volume gigaifior each chamber with cardiac
analysis software (EasyVision release 4.2, Philjsdical Systems, Best, The
Netherlands) to delineate the endocardial contafrsthe chambers. Functional
parameters were derived i.e. end-diastolic voluemel-systolic volume, stroke volume
and volumetric ejection fraction. The individualages were also saved in TIFF format
and exported to a CAD program SolidEdge (versiorD,1&lectronic Data System
Corporation, Texas, USA) for reconstruction of theee-dimensional geometries of the

heart chambers.

The motion trend of the KG diaphragm observed ftbenatMRI measurements provided
the basis for qualitative comparison with the respredicted in the current numerical
simulation. The maximum and minimum displacemerftshe KG diaphragm were
used for parameter setting in modelling the ateotvicular interaction effect. As
measurement of the KG diaphragm motion is not ctirea standard procedure in
clinical practice, point to point tracking of thevd-dimensional or reconstructions of
the three-dimensional KG diaphragm motion during theart cycle was not
automatically supported in the MRI system. The owtirend of the KG diaphragm
was estimated (with computer graphics applicatidrean the MRI movies, and used
for qualitative comparison with the simulation rigsuThis measurement of the KG
diaphragm pumping motion and pumping action deseruether investigations in
future clinical and modelling research.
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Figure 2-2 SolidEdge images of the lower portions of ventricle geometries in diastole,
reconstructed from MRI measurements
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Figure 2-3 Volume change of left ventricle measured from MRI data

Figure 2-1 shows one of the MRI short axis imagesthe end diastolic phase.
SolidEdge images of the lower portions of the cgpomding three-dimensional
geometry of the left and right ventricles reconsted from the MRI image data are

shown in Figure 2-2. Figure 2-3 gives the volumange of the left ventricle during a
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heart cycle, and agrees very well with other expental measurements of the volume
trace presented, for instance, in (Bownadal. 2004, Cheret al. 1997), and that shown
in physiology textbooks, for instance (Berne andyLd4981, Boron and Boulpaep
2003, Guyton 1986, West 1990).

From these the typical volume response is congduas illustrated in Figure 2-4 (c),
which clearly demonstrates local volume increase tduatrial contraction. Figure 2-4
(c) already covers the main features of Figure @n8, Figure 2-4 gives other additional
details of the pressure and flow-rate changestyp@al heart cycle. Therefore, in the
discussion of the results comparisons are made lynaiith Figure 2-4, while the
volume change in Figure 2-3 and the motion of tk& daphragm observed in the MRI
measurements are also referred to when appropftiasge sequences in these MRI
measurements revealed that due to interaction leettbes atrium and the ventricle, the
KG diaphragm moves along the long axis of the adedtrt for about002~ 003m in
each heart cycle. The area around the aorta daesowe significantly during the heart
cycle, and most of the KG diaphragm motion, andesponding pumping action, is
attributed to motion of the annulus fibrosus arotimel mitral valve. This motion of the
mitral-valve annulus fibrosus of the KG diaphragamnttibutes abou8~12ml to the
volume change of each heart chamber, which is rtieaia 10% of the total 70ml
stroke volume. This pumping action of the KG diggm affects the physiological
response of the heart, and is specifically modeaheithe numerical approach presented
in this chapter.

2.2.2 Conceptual lllustration of General Cardiac Response

Figure 2-4 shows conceptually the general trendphykiological changes including
pressure, flow-rate and volume variations in onartheycle in the cardiovascular
system. These drawings are constructed based enaj@mformation on cardiovascular
physiology published in textbooks and journals (Beand Levy 1981, Boron and
Boulpaep 2003, Guyton 1986, Nagethal. 1999, Nichols and O."Rourke 1990, Sadtn
al. 1997, West 1990). Besides the normal trends aénmeter ranges, several
important features are specifically emphasizedhése figures, which are mostly absent

in the simulation results of previous research.
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Figure 2-4 lllustration of the systemic loop response of the cardiovascular system during a
typical healthy heart cycle

(Important features in the pressure, flow and volume responses are marked in the figure. Refer

to the main text for detailed explanations)

In Figure 2-4 (a) illustrating the pressure chandms features are emphasized:
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1. FP1: At the end of diastolic phase, due to thalacontraction, local peaks exist in
both atrial and ventricular pressure response.tiial goressure, this is called trae
wave (Guyton 1986). In those previous studies tlegllected atrial contraction, ttee

wave is missing.

2. FP2: During the early part of systole, accompamyhe rapid contraction in the
ventricles is a bulging of the mitral/tricuspid va$ towards the atria, which causes a
pressure surge in the atria. This pressure surgallsd thec wave (Guyton 1986).
This feature is produced by the elasticity of thiérah and tricuspid valves, and is
missing in simulation results that neglected tlastidity effect of the valves. Usually
this feature is not so obvious (Perloff 2000, Timmmet al. 1997), and it is exaggerated

in Figure 2-4 (a) in order to be shown clearly.

3. FP3: During systole, the mitral valve is closedthjle blood continuously enters the
atrial chamber and accumulates. This process ageginntil the mitral valve opens at
the beginning of the next diastole. This procesglpces a local pressure peak in the
atrium, which is called the wave (Guyton 1986). In previous studies that idetlithe
model of the atrium as an elastic chamber thisufeamight be simulated, while in

those studies that neglected atrial compliancefélaigire is missing.

4. FP4: In the late stage of the systolic phasegpmpanying the closure of the aortic
and pulmonary valves, there is a pressure surgdeinaorta and pulmonary artery,
which originates from the closing motion of theflets in the aortic and pulmonary
valves. This pressure surge is called the “dicroitch” (Nichols and O. Rourke
1990). Most previous studies neglected valve clslynamics, so that this feature is

missing from the simulation results.
The flow-rate changes in Figure 2-4 (b) emphadizeet characteristic features:

1. FQL1: At the end stages of diastolic and sysfatiases, accompanying closing of the
mitral and aortic valves, there is correspondirgurgitant flow. Most previous studies
neglected valve dynamics, thus the regurgitant fieag not simulated.

2. FQ2 and FQ3: Transmitral flow velocity is an on@ant physiological variable in
evaluating heart function. Echocardiography measufrédransmitral flow velocity
shows that there are two local peaks in mitral flearly (E) and late @A) transmitral
flow velocity. The E velocity peak corresponds to the initial fillingpw in early
diastole, and theA velocity peak is due to atrial contraction. Thao&f early to late
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velocities (E/A) is in the range of 1 to 2 (Nageh al. 1999, Sohret al. 1997). In

previous studies that neglected atrial contractitw local peak of flow-rate that
corresponds to thé velocity is missing. Theée velocity peak is always simulated in
previous simulations, however whether the atriuntassidered as a chamber with

constant or variable elastance will affect the $ahon accuracy.

In the volume changes in Figure 2-4 (c), featurel Fgpresents the volume jump in
late diastolic phase due to atrial contraction,clvhivas also observed in the MRI

measurement results illustrated in Figure 2-3.

2.2.3 Mathematical Model
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Figure 2-5 Schematic of the circulation system model

(The model includes a four chamber heart with heart valves, a systemic loop and a pulmonary
loop each divided into the aorta/pulmonary artery, arteries, arterioles, capillaries, and veins.
Refer to the nomenclature table at the front pages of the thesis for the detailed name of each
model component.)

Components of the whole circulation system are redlas illustrated in Figure 2-5 in
three main parts: heart; systemic circulation loapd pulmonary circulation loop. The
heart is modelled as a four chamber pump with bégialastance and four heart valves
that control the blood flow direction. The systeraitd pulmonary circulation loops are
each separated into aortic sinus/pulmonary artexyss artery, arteriole, capillary and
vein segments. In every segment the individual camept is modelled by considering
the local resistance to blood flow, elasticity ¢ddal vessels, and inertia of blood. The
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combined effect of venule, vein and vena cava islefled as the vein segment. The
artery segment represents the general charaatsrigti both the main and smaller
arteries. The aortic sinus is separated from ttex\ato facilitate estimation of pressure

response in the aortic arch.

2.2.3.1Ventricle

Basic ventricular characteristics are described wie pressure-volume relation with
the widely-used Suget al's variable elastance model (Sugjaal. 1973), in which the
ventricular pressure is described as a linear ioinadf the chamber volume and the
chamber elastance. The chamber volume is decidéiebjow-rate difference between
the inlet and the outlet of the chamber, while thember elastance varies in a heart

cycle representing the action of the heart muscle.

w
™1

E{mmHg/ml}

N
— T T

Figure 2-6 Elastance change in the left ventricle and left atrium during a typical heart cycles

The volume change rate in the left ventricle isada the flow-rate difference between

mitral and aortic valves:

dv, _
dt _Qmi an

The time-varying ventricle elastance is a functadrthe characteristic elastance,

(2-1)

and E,, ;) and an activation functiog, (t) :

E s EIv,d —

& (0= E,y +—"——"08, () &2

The activation functiorg, (t) describes the contraction and the relaxation obsung

the ventricular muscle. Ottesen and Danielsen g@tteind Danielsen 2003) compared

several forms of activation functions in their warkd investigated their applicability.
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Generally these activation functions have only Hliglifferences in shapes due to
different assumptions used in model derivation.ofnmonly used activation function

is adopted here:

1—CO{L7Z], 0<t<Ty
TSl
8, (t) =41+ co{—t “Ta z), T, <t<T, (2-3)
-7
s2 sl
0, T, <t<T

The left ventricular elastance change in a typicaart cycle obtained using this
activation function is illustrated in Figure 2-6hd pressure in the left ventricle is then

derived from the instantaneous volume and elastaslces in the ventricle:

I:)Iv = F)|V,0 + eIv (\/Iv _V|V,0) (2-4)

The motion of the annulus fibrosus also affectsun@ changes in the heart, as
described in the following sections. The modeltfee right ventricle is similar to that
for the left side, except the values of parametezdifferent.

2.2.3.2Atrium

Following the P wave in the ECG signal, the atricomtracts and leads to a rapid rise
in the ventricular end-diastolic volume and pressiihis effect is sometimes called the
“atrial kick”, which contributes abou20% to 30% of ventricular filling volume and
reflects the “booster pump” function of the atrig@uyton 1986, West 1990). Features
FP1, FQ2 and FV1 in Figure 2-4 reflect the inflummd this action. In those previous
studies that ignored atrial contraction, theseuiest are missing.

In describing the left atrium, the modelling proxeés very similar to that for the left
ventricle. Again Sugat al's variable elastance model (Suggaal. 1973) is adopted,
while the values of parameters and the form ofatigvation function are adapted to
represent the dynamic changes in the atrium. Ttysaahe effect of atrial contraction,
the system models both with and without considenatdf atrial contraction are

adopted. When the atrial contraction effect is rgao the atrium elastane, (t) is set

to a constant value of When the atrial contraction effect is considerdak

la,min *

atrium elastance is represented with variable &test model, as used by (Penrdtal.
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1997a, Pennatet al. 1997b, Thomast al. 1997, Vollkkronet al. 2002, Zacek and
Krause 1996):

Eamax_Eamin— 2-5
ela (t) = EIa,min + %ela (t) ( )
in which the atrium activation function is set as:
t=Tow+T
1-co§—2 " 27|, 0<t<(Tpp+Tom—T)
Toww
_ 2-6
8. (t)=10, (T oo+ Tom—T)<t<Toe (2-6)
t-T
1-cos —"“’*’27;}, Top <t<T
Toww

The corresponding elastance change in the lefimtm a typical heart cycle obtained
using this activation function is illustrated ingbre 2-6. In the right atrium the

governing equations are similar, except the vatfgmrameters can be different.

2.2.3.3Atrio-ventricular Interaction

The KG diaphragm is a soft tissue which includes éannulus fibrosus and the four
heart valves. In the native heart the KG diaphragmergoes periodic displacement
into the atrial or ventricular chambers under tloenbined action of several forces.
Figure 2-7 illustrates a portion of the KG diaphragnd the forces acting on it in the

vicinity of the mitral valve. These include: theepsure forcdP, — P, )- A, Which is

due to the pressure difference across the valve@samounding tissue; the tissue strain

forces F, and F,,, from both the atrium and the ventricle sides that on the

annulus fibrosus base; the frictional forg ,, - dl/dt from blood flow; and the elastic

force K__ -1 due to the elasticity of the KG diaphragm (Koraltizs and Grandia

2003). The KG diaphragm displaceméris decided by the balance of all these forces.
The MRI measurements of heart kinetics in seveedrthcycles in an adult native
healthy heart show that in the systolic phase tle daphragm moves into the
ventricular chamber, and in end-diastolic phasaates into the atrium (due to atrial
contraction). The total displacement along the loargs of the heart is about
002~ 003m.
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Ventricle

Figure 2-7 Forces acting on the KG diaphragm in the vicinity of the mitral valve
Based on Newton's second law of motion, in theHe#rt the KG diaphragm dynamics

are governed by:

2
sav ﬂ ﬂ - ke savl @)
dt? dat  *

Here the diaphragm neutral position is assignetheéolocation where both the atrium

= Fst,la - I:st,lv + (Plv - I:)Ia)' Asav - kf ,sav

and the ventricle are in their unstressed stang naotion into the atrium is assigned as

positive displacement.

Based on the MRI measurements, as a first appréowima is assumed that tissue
strain is a linear function of the correspondingsétity status of the chamber muscle.

These effects are modelled by:

Fst,la = Ke,la “€a (2-8)
I:st,lv = Ke,lv €, (2-9)
Thus in the left heart the KG diaphragm dynamicagigun is:
d?l dl 2-10
saV'F: Ke,la 'ela - Ke,lv 'elv +(Plv - I:)Ia)' Asav_kf,sava_ke,savl ( )

It is noted that mitral and tricuspid valves occupyich of the area in the atrio-

ventricular septum, which affects the effectivesand A_, in equation (2-10) or of
A,., for the calculation in right heart. However, singesystole the mitral and tricuspid

valves are closed, while in diastole the pressufferdnce between the atrium and

ventricular chambers are small, the teff) — P, )- A, in equation (2-10) still gives a

reliable estimation of the pressure force for thkewlate of the septum dynamics.
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The motion of the KG diaphragm redefines the lanatof the atrio-ventricular
boundary at each time instant and introduces volcinaages to the two chambers:

V, =V, + A, | (2-11)

Vla = Vla - Asav -l (2-12)

In the right heart, KG diaphragm dynamics are miedeh a similar way.

2.2.3.4Heart Valves

Most prior studies have modelled heart valves asstance components in the fully
open or fully closed position, while the dynamidgle opening and closing processes
were not considered. There were some who considdredopening and closing
processes, such as & and Krause (Zacek and Krause 1996), and Wernheil
(Werner et al. 2002), but they used prescribed valve motion, tvhieglected the
blood-leaflet interaction effect, and thus the Hsswere enormously compromised. In
those previous works that ignored the heart valyeadics, features FP4 (dicrotic
notch) and FQ1 (regurgitant flow in the valves) argsing from the system predicted

response.

In the physical system heart valve dynamics are idat@d by the blood-leaflet
interaction effect (de Haet al. 2003b, Kiriset al. 1997, Laiet al. 2002, Makhijaniet

al. 1996b, Shiet al. 2003). Full description of this effect needs dethiB-dimensional
distributed-parameter modelling of the pulsatilewflfield around the valve and the
valve-leaflet deformation / motion (such as withOC8tudies). Previous studies on the
blood-leaflet interaction effect (de Haet al. 2003a, de Hargt al. 2000, de Hartt al.
2003b, Kiriset al. 1997, Laiet al. 2002, Makhijaniet al. 1996a, Makhijaniet al.
1996b, Makhijaniet al. 1997, Shiet al. 2003) are mostly case specific, and cannot be
used for overall dynamic modelling of the wholediavascular system as illustrated in
Figure 2-5. As a novel contribution, this study mska compromise between the
detailed 3-dimensional study and the simplifieddaidike description of the valve,
using a concentrated-parameter method to desdrdblood-leaflet interaction effect.
For this modelling purpose, the heart valve is $iiled as follows: a nominal leaflet
opening angle is used as an average of the variafiangular position in the different
parts of the elastic leaflet; the detailed pressum@ velocity distributions in the valve
are rounded and replaced with the averaged pressaréow-rate before and after the

_64_



valve. The nominal leaflet opening angle is calmdaby solving the governing
differential equation for the leaflet dynamics, aihitakes into account the contribution
of the blood flow, while the corresponding leaihettion also drives the local pressure
and flow-rate changes around the valve. This canatrd-parameter model of the
blood-leaflet interaction effect is less detailbdnt 3-dimensional distributed parameter
studies, but is an advancement over the diode mpdatl it satisfies the need of the
present study to model the overall cardiovascujatresn.

Figure 2-8 lllustration of typical forces acting on a heart valve leaflet

(6 is the nominal leaflet opening angle. The leaflet motion is governed by the balance of
momentums on the leaflet due to different factors such as pressure difference, frictional force.)

In the current model the basic pressure-flow refaiin the aortic valve is described
with an orifice model as usually used in fluid maotts (Granet 1996):

Q,. = Can ) ARao V I:)Iv - Psas’ I:)Iv 2 Psas (2-13)
* Can ’ ARao V Psas - I:)Iv , I:)Iv < Psas

while the valve openinAR,, is derived in two ways. In the simplified modékel that
of most prior studies, the valve opening switchesMeen O and 1 corresponding to
fully closed and fully open positions, dependingvamich side of the valve has higher
pressure:

1 R =Py (2-14)

A =
Rﬂo {O' PIv < Psas

In the current model, the circular valve opening i&inction of the angular position of
the valve leaflets, as illustrated in Figure 2-8:

AR, - A,(L-cosd)’  (1-cow)’ (2-15)
’ Aao (1_ Cosgmax)2 (1_ Cosgmax)2

In equation (2-15)¢ is the leaflet opening angle. Zero (0 degreesyfaorresponds

to the fully closed leaflet position, and the manimopening angle corresponds to the

_65_



fully open leaflet positiond is computed by considering the various factors #fie@ct
the leaflet motion. These include: the moment duthé pressure difference across the
valve; the moment generated by the shear stresbeofeaflet due to fluid flow; the
moment produced by the frictional force; and themaat generated by the vortex near
the valve leaflet surface, as shown in Figure Ba&sed on the CFD results of Hatt
al. (de Hartet al. 2003a, de Haret al. 2000, de Haret al.2003b) and Shet al (Shiet

al. 2003), the shear stress force is much smaller tharpressure force acting on the
leaflet, so the shear stress acted on the valwegkected. The effect of the vortex in the
heart valve is an open question and its contrilbuisostill under investigation. Some
researchers proposed that the vortices influeneevéiive closing process (Bellhouse
1972, Yacoubet al. 1996), but this argument needs further validatamg it is the
subject of future investigations. Thus in this stulde vortex effect is also neglected.
Based on these considerations the following gowgrmiquation for the aortic leaflet

motion is derived:

2
ao’ d_f ) cosy - kf ao % (219
dt T dt

The parameters needed in the model are reduced thioea ( .,k

= kp,ao : (Plv - P,

sas,

andk, . ) to

p,ao’ f,a0

two (K .., andK, ;) by diving through withl ,; and simplifying the equation in the
model to:

d’o de 2-17

? = Kp,ao : (Plv - Psas)' cost — Kfyao. a ( )

The consideration of valve dynamics helps to dbsdtie regurgitant flow in the valve,
thus improving the accuracy of the simulation. Mbdg of the remaining three valves
is implemented in the same way, except the valuesnadel parameters can be

different.

2.2.3.5Blood Circulation Loops

In modelling the various components of systemicuation, depending on detailed
local flow conditions, the frictional loss, elastan and blood inertia are modelled as
resistance, compliance, and inductance effectiwaolg the classical idea of electric-
fluid analogue. The systemic circulation loop isidéd into five parts: aortic sinus;
artery; arterioles; capillary; and vein. The aodinus and artery are quite elastic, and

the flow is pulsatile in these segments, so thhtthe resistance, compliance and
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inductance effects must be considered. The arésriahd capillaries are dominated by
the resistance effect. Veins function to collectl atore blood, thus resistance and

compliance effects are considered in the vein model

Pressure and flow-rate oscillations are experiengdtie aortic sinus due to the local
tissue elastance and result in important flow fezgurelated to coronary flow. The

pressure is governed by:

dpsas _ an — Qsas (2-18)
dt Cess
and the flow-rate is:
dQsas — Psas — Psat — Rsas' Qsas (2-19)
dt L

sas

The pressure and flow-rate changes in the arterysinilar to that in the aortic sinus.
As arterioles and capillaries are both considereghe resistance units, their effects

are integrated with the artery as resistance uhifitgs the pressure equation is:

dPsat — Qsas B Qsat (2-20)
dt Csat
and the flow-rate equation is:
dQsat _ Psat - I::’svn B (Rsat + Rsar + Rscp)' Qsat (2-21)
dt L

sat

The systemic vein is modelled as a compliance coetbwith a resistance. In the vein

the pressure is:

dFévn — Qsat — stn (2-22)
dt C

svn

and the flow-rate is governed by:

Q — I:)svn — Pra (2-23)

R
The pulmonary loop model is similar to that of gystemic loop, with different values
for system parameters.

2.2.4 System Parameters

Values for the physiological parameters are usudifficult to measure, and they
change from person to person. This is a commonlgmoln medical and biomedical
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studies. To minimize the potential influence of tfEues of these parameters on the
results, first the valid ranges for the values hese physiological variables were
identified from widely referred papers and textb®adKext numerical experiments were
carried out to find the optimal parameter comboagdi within these value ranges, so
that the simulated cardiovascular response mattieetypical data reported in the open

literature.
Table 2-1 Parameters for the Heart
Part Parameter | Value Unit
CQ,, 350 | ml/('s-mmHg®)
CQ,, 400 ml/( s- mmHg°'5)
Eps 2.5 | mmHg/ml
Eyq 0.1 mmHg/ml
R.o 1.0 mmHg
Left heart
Vo 5.0 ml
Eia max 0.25 | mmHg/ml
Eea i 0.15 | mmHg/ml
Pao 1.0 | mmHg
Vo 4.0 ml
CQ 350 | ml/(s-mmHg®)
CQ, 400 ml/( S mmHg°'5)
E.s 1.15 | mmHg/ml
Evo 0.1 mmHg/ml
. Fvo 1.0 | mmHg
Right heart
Vo 10.0 | ml
E o max 0.25 | mmHg/ml
Ea.min 0.15 | mmHg/ml
P.o 1.0 mmHg
Viao 4.0 ml

Using this technique, chamber elastance valuesassgned as shown in Table 2-1,
based on the parameter selection in (Heldal. 2002, Luet al. 2001, Thomast al.
1997, Ursino 1999). Key parameters for the systeanit pulmonary loops are shown
in Table 2-2, based on the data reported indt.al. 2001, Thomaet al. 1997, Ursino
1998, Ursino 1999).
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Table 2-2 Parameters for the Blood Vessels

Part Parameter | Value Unit

Ceas 0.08 ml/mmHg
Rias 0.003 mmHg- s/ml
L. 0.000062| mmHg- s?/ml

Ceu 1.6 ml/mmHg
| Ra 0.05 mmHg- s/ml
C?r{iﬁz?c')‘; L. 0.0017 | mmHg-s?/ml
R 0.5 mmHg- s/ml
Reep 0.52 mmHg- s/ml
Ron 0.075 mmHg- s/ml

Can 20.5 ml/mmHg

Vivo 500 ml

C s 0.18 ml/mmHg
Roas 0.002 mmHg- s/ml
L oo 0.000052| mmHg- s?/ml

Coa 3.8 ml/mmHg
Roat 0.01 mmHg- s/ml
Zl:érgg?iirny L pat 0.0017 | mmHg-s?/ml
Roa 0.05 mmHg- s/ml
Roco 0.25 mmHg- s/ml
Roun 0.006 mmHg- s/ml

Con 20.5 ml/mmHg

Voo 400 ml

Coefficients for KG diaphragm motion and heart eatlynamics are estimated based
on physiological conditions observed in the MRI swwaments in this study and those
found in textbooks. In modelling the KG diaphragnotion, the diameter of the
annulus fibrosus of the mitral valve is assumede®5mm, and the thickness of the
annulus fibrosus is assumed to HAeim . Taking the tissue density to be

08x10°kg/m®, the annulus fibrosus has a sectional are4.0%10*m? and a mass

of 40x10*kg . During the heart cycle the annulus fibrosus islarncontinuous

reciprocating motion around its neutral positiomeTMRI measurements indicate that
the annulus fibrosus has a displacement of a2~ 003m during the heart cycle,
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and in the diastolic phase the annulus fibrosssretched into the atrium chamber with
a displacement of abo@003n. The coefficients in the governing equations fd K
diaphragm motion are then derived, and listed ibld&-3. The coefficients of the
valve dynamics model were estimated by considehegiormal flow-rate and pressure
loss in the valves and the relative contributiorvafious factors that affect the valve
motion, thus producing near physiological valve imotas described in the literature
(de Hartet al.2003a, de Haret al. 2000, de Haret al. 2003b, Kiriset al. 1997, Laiet

al. 2002, Makhijaniet al. 1996a, Makhijanet al. 1996b, Makhijaniet al. 1997, Shiet

al. 2003). The corresponding parameter settings atedad in Table 2-4.

Other parameters such as duration of systole, égeébing and duration of the P wave,
the time step of simulation etc., were chosen basegeneral information published in
physiological textbooks(Guyton 1986, West 1990rbl€ 2-5 shows values for these

parameters.

In solving the governing differential equationspper initial values need to be assigned
to the related variables. Pressures for the vasgelacan be set at the normal
physiological ranges observed clinically, and thi#idl volumes of the ventricles are

set as listed in Table 2-2.

Table 2-3 Parameters for KG diaphragm motion modelling

Part Parameter | Value Unit
Kstia 25 my(s? - mmHg)
K 20.0 my/(s? - mmHg)
Left heart “ s 0.0004 | ¥s
Kesav 9000.0 | 1/s?
m,,, 0.0004 | kg
A, 0.00047| m?
Kstra 2.5 my(s? - mmHg)
K 20.0 my/(s? - mmHg)
Right heart % o 0.0004 | ¥s
Ke pav 9000.0 | 1/s?
m.., 0.0004 | kg
A 0.00047| m?
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Table 2-4 Parameters for variable valve opening model

Part Parameter | Value Unit
Koo 5500 | rad/(s? - mmHg)
Systemic K+ a0 o0 Ys
part K pmi 5500 | rad/ (S2 - mmHg)
K mi 50 | Ys
K, o 5500 | rad/(s? - mmHg)
Pulmonary)| K po 50 Ys
part Koo 5500 | rad/ (S2 - mmHg)
Ky 50 | Ys

Table 2-5. Additional Parameters

Parameter | Value | Unit
dt 0.0001] s

T 1 S
Ty 0.3 S
T, 0.45 S
prb 0.92 S
TpWW 0.09 S
2.3 Results

A program is developed in C language to conduct emnioal simulations of the
dynamic changes in the heart chambers and the blesdels. The equations are
integrated in time with the 4-stage Runge-Kuttalmdt For ease of comparison of
results the heart period is chosen to be 1 secdhd. simulation reaches periodic
solution after 4 to 5 heart cycles. To facilitatscdssion of results, in all cases the
converged solution of the 11th period, from thehlf@tthe 11th second, is presented in
the figures. In the following details of the pressulow-rate and volume traces of the
human cardiovascular system are presented, as femthre of atrio-ventricular
interaction and heart valve dynamics are includedhe model. First the effects of
atrio-ventricular interaction and heart valve dymesrare neglected, and the response

of the corresponding simplified model is comparedhwhe one that appears in
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textbooks, identifying missing features of the peeztl response. Next each one of
these features are considered in the simulation ln®ne, and the corresponding
response is compared with that of the simplifieddeido observe the contribution of
each part of the model to cardiovascular dynankicglly these features are all applied
simultaneously to observe their combined effectsis Tgradual introduction of the
model features enables a discussion of what aspétte system response are affected
by the physiology of each part of the model, bathaiphysiological as well as in a

modelling sense.

2.3.1 Response of the Simplified Model
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(f) Volume, right heart
Figure 2-9 Response with the simplified model

First the simulation is carried out using the sifigd model. The ventricles are
described with variable elastance model in the farirequations (2-1)~(2-4). The
systemic and pulmonary loops are modelled with Rh&€ concept as described by
equations (2-18)~(2-23). The atria are treatedoastant elastance chambers with atrial

elastance set to value & The KG diaphragm motion is neglected, and heart

la,min *
valves are modelled as a diode with nonlinear tasce effect, described by equations
(2-13) and (2-14). In carrying out the simulatigalues for the parameters are assigned
as discussed previously. The corresponding respohdée cardiovascular system,
pressure, flow-rate and volume changes in a typiealrt cycle in the left and right

parts of the heart, is shown in Figure 2-9 (a)fto (

These results broadly agree (in trends and parameateyes) with the conceptual
drawings in Figure 2-4. The left ventricular pragsis in the range od ~120mmHg,
and the aortic pressure changes betwg®n120mmHg. Periodic peak flows exist in
the mitral and aortic flows, with average flow-raté about 51/min . The left
ventricular volume change is approximately frd&d@ml to 120ml, with a stroke
volume of 70ml. Even though in this simplified model the atrize anodelled as
chambers with constant elastance, they still acdat@ilood during systole, so feature
FP3 for thev wave is observed in the atrial pressure chandégare 2-9 (a) and (d),
but with decreased amplitude due to the decreakeiaace in this model. ThE
velocity peak is present in mitral and tricuspidwi| but as theA velocity peak is
absent (due to neglecting atrial contraction), rité@ of early to late velocitiesH/A)

cannot be evaluated. Also due to neglecting ataaitraction, features FP1 for tlae
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wave, FP2 for the wave, FQ2 for thea velocity peak and FV1 for the step volume
increase are missing from the system response.uBecsmalve dynamics are not
considered in the simplified model, features FP4tle dicrotic notch in the aortic and
pulmonary artery pressure, and FQ1 for valve reigamtflow, are also missing from

the simplified system response.

In the following as each one of the new featuresakided in the simplified model, the
new response is compared with the response ofitfy@iBed model shown in Figure
2-9. In the comparisons shown in Figure 2-10 argbsguent figures, those trace lines
with triangular tick marks and with a prime (')tre legends for pressure, flow-rate and
volume traces are the response when the new feiataomsidered, while those without
the triangular marks and the prime in the legenelsrasent the response in the
simplified model.

2.3.2 Response with Combined Effect of Atrio-ventricular Interaction and

Atrial Contraction

Kilner et al(Kilner et al. 2000) and Korakianitiet al (Korakianitis and Grandia 2003)
proposed that the KG diaphragm works as an auxilmechanism (as an auxiliary
pump) in promoting blood flow. In modelling thisfegt, first the individual effects of
atrial contraction and KG diaphragm are investiatme by one, and then their
combined effect is studied.

To simulate the effect of atrial contraction alotiee variable elastance model for the
atrium is applied. Equations (2-5) and (2-6) fog tfariable atrial elastance model are

used to replace the constant elastance valuetof, in the simplified model.

Comparison of the corresponding system responde th#t of the simplified model,
including pressure, flow-rate and volume changes tiypical heart cycle, are shown in
Figure 2-10. As the results for the flow-rate andlme changes in the right side of the
heart are similar to those in the left side, they ot illustrated here. Figure 2-10 (a)
and (d) compare the corresponding pressure respamgbe systemic and pulmonary
loops with those of the simplified model. In compan to the simplified model atrial
contraction results in abo@0% increase in aortic pressure and left ventricwastdic

pressure. The aortic pressure range increases 8bni20mmHg to 90 ~ 130mmHg,
and peak left ventricular pressure increases fii#@mmHg to 130mmHg . The

pulmonary loop has highly distensible blood vessalsd thus greater compliance,
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which buffers the pressure pulsation significanflizerefore the atrial contraction also
causes a pressure increase in the right side dfdgag, but the change is much smaller
as compared to that in the left side of the hedtrtal contraction also decreases the left
atrial pressure during the systolic phase. Alsotdude atrial contraction effect, ttee
wave in the atrial pressure response is clearly othstnated in Figure 2-10 (d),
corresponding to feature FP1 in Figure 2-4, whileghe systemic circulation feature
FP1 is not so obvious (shown in Figure 2-10 (a))e@o the different peak systolic
pressures in the two loops, this local pressurek peamore pronounced in the
pulmonary loop than in the systemic loop. Figur&02¢b) compares the corresponding
flow-rate waveforms. Corresponding to thevelocity peak, feature FQ2 is clearly
demonstrated in the flow-rate response. Also berrefg to feature FQ3 of th&

velocity, it is observed thadE/ A velocity ratio is about 1.5 in the systemic ciatidn

(in the normal range df~ 2 (Nagehet al. 1999, Sohret al. 1997)). Figure 2-10 (c)
compares the corresponding volume changes initeftcdf the heart. The local increase
in ventricular volume and the local trough in dtneolume changes due to atrial
contraction can be clearly observed in the grapirresponding to feature FV1.
Comparison shows that in the late diastolic phaseal contraction prominently
elevates the ventricular volume and decreasesttisd @lume. From the figure it is
estimated that atrial contraction contributes alififo of stroke volume. This agrees
well with descriptions in textbooks (Guyton 1986e%v/1990).
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Figure 2-10 Response with modelling of the atrial contraction alone

(Responses with a prime(*) correspond to the condition when the atrial contraction is

considered.)
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Figure 2-11 Response with modelling of the KG diaphragm motion alone
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Figure 2-12 Resultant motion of the KG diaphragm in the left heart when both KG diaphragm
dynamics and atrial contraction are considered

w
T

E{mmHg/mil)
[l
[ L4}
T

-
(%]
T

-
T

11
t(s)

Figure 2-13 Elastance change in the left heart when both KG diaphragm dynamics and atrial
contraction are considered
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Figure 2-14 Response with modelling both KG diaphragm motion and atrial contraction

(Responses with a prime(*) correspond to the condition when both the KG diaphragm motion

and the atrial contraction are considered.)

In modelling the atrio-ventricular interaction effe alone, equation (2-10) that
describes the motion of the KG diaphragm, and egpsi(2-11), (2-12) for correction
of atrial and ventricular volumes are coupled te@ thimplified system model.
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Comparison of system response with that in theimalgsimplified model in a typical
heart cycle is shown in Figure 2-11. Flow-rate &ntme changes in the right heart
are similar to those in the left heart, so theyardétted here. Figure 2-11 (c) shows that
in the systolic phase, motion of the KG diaphragio ithe ventricular chamber causes
the minimum ventricular volume to decrease fréth3ml to 47.1ml, while atrial
volume is increased fror835ml to 69.7ml. The rate of volume change in the
ventricle is also affected, and in early systole Wentricular volume drops faster than
that in the simplified model. All over the diastofphase, motion of the KG diaphragm
into the atrial side causes the ventricular volumencrease aboudml, while atrial
volume is increased by abo8il, compared with that in the simplified model. The
reason is that the prominent volume increase inathiem during the systolic phase
causes more blood to enter the atrial chamber.efieet of this blood build up in the
atrium lasts into the diastolic phase, and caukesitcrease in the atrial volume
compared to the simplified model. Compared with thahe simplified model, the KG
diaphragm motion increases ventricular stroke velumy aboutl5% . As shown in
Figure 2-11 (a) and (d), accompanying this volum&aéase due to motion of the KG

diaphragm, the systolic atrial pressure is sliglglgvated by aboud.9mmHg in the
left heart andL.3mmHg in the right heart. This pressure differencecat disappears in

diastole. In the systolic phase the peak aortisqree and left ventricular pressure are

prominently decreased frofil7.2mmHg to107.2mmHg, while the peak pulmonary
pressure and right ventricular pressure are deedeftom 25.6mmHg to 24.6mmHg.

The elevated aortic/pulmonary pressure lasts froendystolic and into the diastolic
phase. The pressure drop in the right ventriclenish smaller than that in the left
ventricle. This is the natural consequence of tighli distensible blood vessels, and
thus the greater compliance, in the pulmonary lodpe flow-rate response is
illustrated in Figure 2-11 (b). Compared with tledtthe simplified model the peak
flows past the heart valves increase slightly, @nhe aortic/pulmonic flow rates
decrease faster.

The motion of the KG diaphragm affects the valums, does not affect the general
trend in the pressure, flow-rate and volume chamgéle heart, so that when the KG
diaphragm alone is modelled most features in theeptual drawing of cardiovascular
response in Figure 2-4 are either missing or areohwious in the above system
response. Based on analysis of the pressure anthealesponse, it is concluded that
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the motion of the KG diaphragm increases ventricataoke volume by aboui5%,
while decreasing ventricular pressure. These obsens confirm that the KG
diaphragm works as an auxiliary pumping mechanigrhich greatly reduces the
workload of the ventricle.

Atrial contraction changes the preload to the hehus affecting details of the function
of the KG diaphragm. The combined action of KG diggm motion and atrial
contraction on the system is then investigated. Témultant motion of the KG
diaphragm in the left heart is illustrated in Figi-12, and the accompanying elastance
changes in the left atrium and ventricle are shawrFigure 2-13. Comparison of
system response with that of the original simpdifimodel in a typical heart cycle is
shown in Figure 2-14.

In Figure 2-12 the KG diaphragm displacement referthe motion of the root of the
annulus fibrosus with respect to its neutral poasitjwhen the atrium and ventricle are
in the unstressed condition). In the systolic phadeng with the increased tissue
elastance in the ventricle in Figure 2-13, the K&ytlragm moves towards the apex of
the heart, with the peak displacement reach#®0286n from the neutral position. In
the diastolic phase, along with decrease of varticelastance, the KG diaphragm
moves back towards the atrium direction. In latastile, combined with atrial
contraction the KG diaphragm reaches the peak atisphent 00.0032n. The
diaphragm motion is affected by several factorsespure difference across the
diaphragm; tissue stress on the diaphragm dueetattial and ventricular contraction;
friction; and elasticity of the diaphragm tissuey Bomparing the changes in Figure
2-12 and Figure 2-13, it is observed that in sgstolotion of the KG diaphragm
generally follows the changes of the ventriculasétity, and thus the corresponding
changes in ventricular tissue stress. In end dmstwith the relaxation of the
ventricular muscle and the atrial contraction, K@ diaphragm moves towards the
atrial direction and reaches the peak displaceinethis direction at the instance of the
atrial contraction. The phenomena described hereeagvith the physiological
movement of the KG diaphragm (in contrast to thanter-intuitive results of Power
(Power 1979), which were mentioned in the introaurc).

Figure 2-11 suggests that the effect of the KG liiagm alone decreases aortic
pressure and systolic ventricular pressure, whigpiié 2-10 shows that the effect of
atrial contraction alone elevates the aortic pnessnd systolic ventricular pressure.
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When the two effects interact with each otherahitontraction reduces the effect of
KG diaphragm motion on pressure. Thus under thebaued action of KG diaphragm
motion and atrial contraction the pressures inaatventricles, aorta and pulmonary
artery are generally restored to those in the sfragimodel, as shown in the pressure
comparison in Figure 2-14 (a) and (d). Also atdahtraction introduces feature FP1
(the a wave) in the atrial pressure response. In the-flate response in Figure 2-14
(b) and (e), it is observed that atrial contractioduces feature FQ2, the effect Af

velocity, in the mitral/tricuspid flowE/A ratios in both left and right sides of the heart

are in the normal range &f 2. Under the combined action of atrial contractiomn a
KG diaphragm motion, the volume curves of botheaéimd ventricles in Figure 2-14 (c)
and (f) generally match those in the simplified mlpdexcept that atrial contraction
produces feature FV1 in the volume response, wighep increase (frorh209ml to
1336ml in the left heart and fromd002ml to 1094ml in the right heart) in
ventricular volume, and a local decrease (ffoi®ml to 40.3ml in the left heart and
from 45.2ml to 32.8ml in the right heart) in atrial volume in the lategtolic phase,
so that the stroke volume is increased by al&i. Overall the combined action of
KG diaphragm motion and atrial contraction increaite volumetric throughput while
keeping the pressure at the lower levels of theHfiled system response.

2.3.3 Response with Heart Valve Dynamics Alone

To study the effect of heart valve dynamics alanethe simplified model the valve

opening equations in the form of equation (2-14F @placed with equations of the
form of equation (2-15) and (2-17). Thus the vatliyamics are coupled with the
simplified model to give a better representationtioé valve opening and closing
processes. Figure 2-15 shows the valve opening esegs simulated with the

simplified model, and Figure 2-16 illustrates treve opening sequences of the four
heart valves when valve dynamics are consideredridgare 2-15 and Figure 2-16, 0
degree for opening angle corresponds to the fulbsed leaflet position, and the

maximum opening angle corresponds to the fully ofsailet position. Figure 2-17

compares the system response with inclusion ofevdiinamics alone with that in the
simplified model.
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Figure 2-15 Resultant change of heart valve leaflet angular position (opening) in the simplified

model
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Figure 2-16 Resultant change of heart valve leaflet angular position (opening) with valve
dynamics modelling alone
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(f) Volume, right heart

Figure 2-17 Response with heart valve dynamics modelling alone

(Responses with a prime(*) correspond to the condition when the heart valve dynamics is
considered.)

In the valve opening sequences simulated with timplgied model shown in Figure
2-15, the valves open and close abruptly, drivethieylocal pressure difference across
the valves. In Figure 2-16 the opening sequencesorbe smoother with the
introduction of the valve dynamics modelling. Tredwe opening and closing instances
also change, and the effect is more pronouncetiarrésponse of the pulmonary and
tricuspid valves. From Figure 2-16 it is observadttthe valve opening and closing
processes take abo(Qtls. Comparing the valve motions in the right hearthat in the
left heart, it is found that the pulmonary valveeap aboutO15s earlier and closes
about 0.1s later than the aortic valve, and the tricuspidz@adpens abou005s earlier
and closes aboubO5slater than the mitral valve. This is closely rethte the lower
pressure range in the pulmonary loop and the slg@ressure change rate in the right
ventricle. The atrial pressures in the left andhtrigeart are similar, thus the slower rise
in pressure in the right ventricle induces therlaflesing of the tricuspid valve. The
earlier opening the tricuspid and pulmonary vahsxl the later closing of the
pulmonary valve are the results of the combine@astof the lower pressure value in

the pulmonary loop, and slower pressure changerdhe right ventricle.

Figure 2-17 (a) and (d) compare the correspondiegsure response when considering
the effect of opening and closing dynamics of ther fheart valves alone. The most
distinguishing feature is FP4, the dicrotic notethich is more prominent in the
pulmonary loop than in the systemic loop. Inclusiohvalve dynamics helps to
simulate valve regurgitant flow, and thereforalgo affects features FP2 and FEe3,
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and v waves in the atrial pressure, which are also nureously demonstrated in
pulmonary circulation (because the high to low pues differences are on a percentage
basis larger than in systemic circulation). Duergégurgitant flow in the mitral and
tricuspid valves, feature FP3 is elevated to a dmglalue. Although feature FP2 is
exhibited, it is still not prominent. This is partdue to its minor effect in the
physiological response, and partly due to neglgciialve elasticity in the system
modelling. In the systolic phase, regurgitant flmmmitral/tricuspid valve decrease the
work load of the ventricles, so that the peak pressn the aorta and the left ventricle
drop t01038mmHg (from1174mmHg in the simplified model), and in the pulmonary
loop the peak pressure in the pulmonary artery &agtit ventricle drop from
25.7mmHg to 254mmHg. The pressure drop in the pulmonary loop is namohaller
than that in the systemic loop in the systolic ghda the diastolic phase, regurgitant
flow in the aortic/pulmonary valve causes a pressimop of aboui6mmHg in the
aorta and a pressure drop of abbut2.7mmHg in the pulmonary artery, while it also
induces negligible increase in the left and rigkntvicular pressures. The pressure
drops in the right heart are much smaller than thahe left heart. This is still the
effect of the highly distensible blood vessels (démas the greater compliance) in the
pulmonary loop. Regurgitant flow to the atria alswreases the atrial pressure
throughout the heart cycle, which is more promiteehibited in the pulmonary loop.

The most obvious feature in the flow-rate respandeigure 2-17 (b) and (e) is feature
FQ1, the regurgitant flows, across the aortic/pulerg valves (in early diastole) as
well as across the mitral/tricuspid valves (in gaystole). Regurgitant flow through
the mitral and tricuspid valves builds up more lloa the atria, and increases the
preload, so that in early diastole the peak flotesacorresponding to feature FQB (

velocity) increases fron7462ml/s to 8480ml/s in the mitral valve and from
954.3ml/s t0984.3ml/s in the tricuspid valve. Accompanying this, arlg systole

the peak aortic flow increases fro8794ml/s to10886ml/s , and the peak tricuspid
flow also increases fronm7066ml/s to 841iml/s . In early diastolic phases

regurgitant flow in the aortic and pulmonary vah@ghtly increase the ventricular
pressure, thus the peak mitral/tricuspid flow ceprending to feature FQ3 occurs about
0.1s later compared to that in the simplified model.
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Comparing to the results in the simplified modelgurgitant flow increases the atrial
volume, especially in the systolic phase, as itated in Figure 2-17 (c) and (f). This
also increases atrial preload, thus naturally iasirey the ventricular volume in the
diastolic phase. In the systolic phase however, vdgtricles contract to a smaller
volume due to the mitral/tricuspid regurgitant flo the early diastolic phase, the
additional volume increase in the ventricles is thuaortic/pulmonary regurgitant flow.
Similarly, mitral/tricuspid regurgitant flows caussdditional volume drops in the
ventricles, and volume increases in the atria ithlibe late diastolic and the early
systolic phases. The regurgitant flows increasestiheme load to the ventricles.

2.3.4 Response with All Features

Finally the simplified model is coupled with bothet features of atrio-ventricular
interaction and heart valve dynamics. In this cag@ations (2-5) and (2-6) for variable

atrial elastance are used to replace the constaat elastance value dt in the

la,min
simplified model; equation (2-10) for KG diaphragiynamics and equations (2-11),
(2-12) for correction of atrial and ventricularlvmes are combined in the modelling;
equation (2-14) in the simplified model is replaceith equations (2-15) and (2-17) to
consider the heart valve dynamics. Results for Kgpliragm displacement, heart valve
angle changes and corresponding pressure, flowaradevolume changes in a typical
heart cycle are illustrated in Figure 2-18 to Fegar20.

L{all features)
rrrrrrrrrrrrrrrrr L{KG diaphragm + atrial aontraction)

S
t(s)

Figure 2-18 Comparison of KG diaphragm motion in left heart when all the features of atrial
contraction, KG diaphragm motion and heart valve dynamics are considered with that under
combined influence of KG diaphragm motion and atrial contraction
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Figure 2-19 Comparison of changes of heart valve leaflet angular position (opening) when all
the features of atrial contraction, KG diaphragm motion and heart valve dynamics are
considered with those of heart valve dynamics modelling alone

Figure 2-18 compares the KG diaphragm displacermokahges in the left heart in a
typical heart cycle in the two situations. The ddtline represents the response when
the KG diaphragm motion and atrial contraction @Beare modelled. The solid line
represents the response when all the featuresriail abntraction, KG diaphragm
motion and heart valve dynamics are considered.ekia contribution of heart valve
dynamics helps to stretch the KG diaphragm furtimo the ventricle for about
0.002~ 0.004m during systole. A possible reason is that due itcahregurgitation, the
left ventricle contracts to a smaller volume durisgstole, thus stretching the KG
diaphragm towards the apex direction for a few axmillimetres. The same situation
occurs in the right heart.
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Figure 2-20 Response when all the features of atrial contraction, KG diaphragm motion and
heart valve dynamics are considered

(Responses with a prime(‘) correspond to the condition when all the features are considered.)
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Figure 2-21 Phase lag between left atrial and left ventricular pressures in end diastole
(Responses with a prime() correspond to the condition when all the features are considered.)

Figure 2-19 (a) and (b) compare the change of hedve opening angles in the left
and right heart when heart valve dynamics alonenavdelled with that when all the
features of atrial contraction, KG diaphragm mot@amd heart valve dynamics are
considered. Generally the time periods taken fee Halve opening and closing
sequences are the same, but the exact instancésefopening and closing processes
are changed due to the influence of atrial convacind KG diaphragm motion. In the
left heart, when all the features are consideredntiiral valve closing process occurs
about 002s earlier than when only the valve dynamics are icemed, while the mitral
valve opening does not change much. A close exdimmaf the pressure change in
Figure 2-20 (a) reveals that, in late diastoleahtrontraction causes a local peak in left
atrial pressure and a corresponding local peakftnventricular pressure, but the local
peak in the left ventricle has a phase lag comptrdte local peak in the left atrium,
as shown in Figure 2-21. Thus when left atrial pues begins to drop at the late stage
of atrial contraction, left ventricular pressuresigl in the process of rising. This phase
lag causes the left ventricular pressure to be ¢earpy greater than the left atrial
pressure in late diastole, and this pressure difieg drives the mitral valve to close.
This situation is different from the former caseemhonly valve dynamics were
considered, in which mitral valve closing occursesrly systole under the contractile
action of the left ventricle. When all the featuegs considered, the aortic valve opens
about 001s earlier and close$01s later than when only the valve dynamics are
considered. This is also due to the influence ef Kl diaphragm motion and atrial

contraction, which improves the left ventricleifiy and increases ventricular pressure
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when compared with the case of when only the valypamics are considered. A

similar situation also occurs in the right heart.

Figure 2-20 compares the pressure, flow-rate ahghve changes during a typical heart
cycle when the various features interact with eattter with that in the simplified
model. In the pressure response in Figure 2-20aifd) (d), it is found that features
FP1(a wave in atrial pressure waveform), FP8 \ave in atrial pressure) and FP4
(dicrotic notch) are clearly demonstrated. Thesatuies require inclusion of atrial
contraction and valve dynamics in the simulatioeatdre FP2 ot wave is not
obvious in the atrial pressure waveform, due tamtsor physiological effect and due
to neglecting leaflet elasticity in the valve mad&he combined effect of atrial
contraction, valve dynamics and KG diaphragm mogoeatly decreases the peak left
ventricular systolic pressure frofrl74mmHg to1027mmHg, thus decreasing the
aortic pressure by abo@0OmmHg all over the heart cycle. The combined effect of
these features does not change the peak rightiam@atr pressure much, while the
pressure in the pulmonary artery is decreased butah8 ~ 3.1mmHg in the diastolic
phase. Left and right atrial pressures are sliglglgvated in the heart cycle.
Comparison of Figure 2-20 with Figure 2-14 and Fgd-17 suggests that pressure
changes are mainly due to the effect of heart vdlgamics. Pressure drops in the
right heart are much smaller than that in the hefart. This is also due to the highly
distensible blood vessels, and thus the greatepliance in the pulmonary loop, which

buffers the pressure pulsation significantly.

All three features of FQ1 (regurgitant flow), FQR \elocity effect in mitral/tricuspid
flow) and FQ3 E velocity effect in mitral/tricuspid flow) are sirfaied in the flow-rate
response in Figure 2-20 (b) and (e). Compared ¢osimplified model, under the
combined action of atrial contraction, KG diaphragmtion and heart valve dynamics,
in both systemic and pulmonary loops the peak wabhfeflow-rate through the heart
valves enormously are increased. In aortic valeevdue increases fro8208ml/s to
11836ml/s ; in mitral valve it changes from4.6ml/s t08514ml/s ; in pulmonary
valve it increases fron6955ml/s t08794ml/s ; and in tricuspid valve it changes
from 6655ml/s t09114ml/s . TheE/A ratios are about 2 in both left and right

heart. Regurgitant flows in the mitral and tricuspalves begin from late diastole,
almost immediately following the feature of FQ2 fArvelocity, as compared to the
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situation of happening to the early systole in thse when only valve dynamics are
considered. The reason is still the phase lag lestwiee peaks in atrial and ventricular

pressures, as explained above.

Figure 2-20 (c) and (f) show that due to the combiaction of atrial contraction, KG
diaphragm motion and heart valve dynamics, thealarolume is shifted upward
slightly, except for a local trough in late diastodue to atrial contraction; while
ventricular volume is prominently increased in thastolic phase, and decreased in the
systolic phase, thus producing an extra strokermmelof about30% when compared to
the simplified model. Feature FV1 corresponds ® step increase in the ventricular
volume due to atrial contraction can be clearlyeobsd in the volume response.
However, due to regurgitant flow in the mitral ammetuspid valves caused by heart
valve dynamics, the step volume increase is comgexnn the late stage of diastole,

as compared to the flat step volume increase inrEig-10 and Figure 2-14.

2.4 Discussion

Numerical modelling of the human cardiovasculatesysis an active research area due
to its increasing use in physiological and pathmlalgstudies. Various models have
been developed to address different aspects ofosastular dynamics. Most of these
models concentrate on one detailed aspect of tleabvsystem to suit specific
application requirements, for instance, foetaluwation (Pennatet al. 1997a, Pennati
et al. 1997b), response to orthostatic stress (Heldal. 2002), isocapninc hypoxia
(Ursino and Magosso 2000a, Ursino and Magosso 208i@b Although the above are
useful for the specific applications, the modelserged in this study takes a different
approach and emphasizes dynamics within the foamblers of the heart. At the same
time the proposed cardiac dynamics model develepedstill be coupled to any model
of the whole of the circulation loop. These cird¢ida loop models can include simpler
models of the systemic or pulmonary circulationpsoor in a more comprehensive
model they can include local elaborate models edneints of the circulation loops such
as renal flow, hepatic flow, cerebral flow etc. Sifieally the cardiac dynamics model
presented can be used to provide the input to ti@deanetwork of downstream blood
vessels, which can be as simplified or as detaitethe specific study requires.

Previous cardiac models consider various featuresardiac dynamics, such as atrial
contraction (Pennatét al. 1997a, Suret al. 1997, Vollkronet al. 2002) and intra-
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ventricular interaction (Chunget al. 1997, Olansenet al. 2000, Santamore and
Burkhoff 1991, Suret al. 1997), but do not include the combined effectsatio-
ventricular interaction and heart valve dynamicas®&l on clinical MRI measurements,
the present study takes into account the atrial\amdricular tissue stretching effect,
and results in realistic description of the motioh the atrio-ventricular annulus
fibrosus. Previous models of heart valve dynamiacgdeilied the valve as a diode-
resistance combination, or introduced conceptswd tvarying drag coefficient or dead
space volume while used prescribed valve leafletiano The present study improves
on previous models by directly considering the difigg blood-leaflet effect that

governs the valve leaflet motion.

The combination of models in this study, includinige combination of atrial
contraction, atrio-ventricular interaction and hiealve leaflet dynamics successfully

predicts a realistic description of key detailsafdiac dynamics.

By comparing the simulation results with the corioap drawing for cardiovascular
dynamics extracted from textbooks, it is observiat tmain cardiac-flow dynamic
features in the pressure changes with time, flow® changes with time, and volume
changes with time in the four chambers of the himatt were missing in previous work
are realistically predicted in the current work.the pressure response, features FP1,
FP2 and FP3 fora, ¢ and v waves in atrial pressure are revealed with the
combination of models for atrial contraction, vésifar contraction, and atrio-
ventricular interaction. These features are moogngment in the pulmonary loop than
in the systemic loop due to the relative amplitdehe atrial pressure variation to
ventricular pressure variation in the two loopsatiiee FP4 for the dicrotic notch is also
manifested with the improved heart valve dynamiagleh which is missing in most
previous models. In the flow rate response, the meart valve dynamics model
contributes to revealing feature FQ1 for regurditéow in the heart valves, which is
also missing in most previous models. Features F§2A velocity, FQ3 forE

velocity and theE/A ratio in the mitral/tricuspid flow are also illuated with the

combined model for atrial contraction and atrioivienlar interaction. Usually the

above features are not mentioned in previous wddkslelling of heart valve dynamics
also approximates aspects of the valve leaflet languosition, and through that of the
valve opening and closing process, as illustrateéigure 2-20. Details of feature FV1,
some of which were observed in the MRI measurememtd others that appear in
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physiology books, were simulated. Successful sitiariaof these features in the
pressure, flow-rate and volume response has impoptaysiological meaning, and may
have implications for improvements in future claligractice. Delicate changes in
these features often herald the potential, or etle®m occurrence, of certain
cardiovascular diseases. For example, certain @saimgthe features of FQ1, FQ2 and
FQ3 may indicate heart valve stenosis or incompeteand diminishing of feature
FV1 may hint in atrial fibrillation. Some detail¥ V1 shown in the computations
(Figure 2-20) are not evident in the measurementBigure 2-3. Improvements in
MRI, echocardiography, and other clinical techngjuand their companion software,
may be required in order to clearly measure inicdinpractice some features observed
in the numerical results such as the computed ldetéiFV1 in Figure 2-20. In turn
these enhanced clinical measurements will providea dfor calibration of the
parameters of the numerical model, so that futuraerical predictions simulate better

the more-accurate future clinical measurements.

This chapter studies the individual relative cdnitions of atrio-ventricular interaction
and heart valve dynamics on cardiovascular systgnardics. The models of atrio-
ventricular interaction and heart valve dynamickphie reveal some characteristics in
the cardiovascular response that were usually nyssi previous papers. These new
features and the effect of atrial contraction dment discussed, and their detailed
contribution to the cardiovascular dynamics arengrad one by one, based on
comparison of pressure change with time, flow-rebange with time, and volume
change with time as compared to the response fhensimplified model (where these

features were not included).

These comparisons showcase causes and effectspoftant details in the dynamic
system response, such as thendv waves in atrial pressure, dicrotic notch in aortic
pressureE/ A velocity ratio in mitral flow, regurgitant flow tbugh the heart valves,
corresponding local variations in the volume chanigethe four chambers of the heart,
and their relative effects. Introducing the efeof each feature of the overall model
consecutively contributes to better understandinghgsiological as well as numerical
aspects of the work, and their effect on overadkesm response. This is useful from the

clinical as well as the modelling point of view.

The atrial contraction results confirm that atriaintraction promotes the ventricular
filling process, thus leading to a prominent pressacrease in the left ventricle and

_98_



the aorta. The pressure elevation in the pulmongeylation loop is not as prominent,
due to the lower overall pressure and the grea¢mbsility of the blood vessels in the
pulmonary loop. KG diaphragm motion alone helpintsease the cardiac volumetric
output while decreasing systolic ventricular pressiVhen both atrial contraction and
KG diaphragm motion are considered together, tb@mbined effects on the pressure
and flow-rate responses in the heart counteradt etieer, so that overall the combined
beneficial result in atrio-vantricular interactiesthat the volumetric cardiac output is
improved by abouR(0% (compared with that in the simplified model). Tligpports
the idea that KG diaphragm motion works as an &auyilpumping mechanism (KG
diaphragm pump) in the function of the heart. Tbsmbined effect has not been
examined quantitatively and in this detail in pnaork.

Considering heart valve dynamics alone reveals digaificant interaction effects
between valve leaflet motion and cardiac dynamide regurgitant flow in the valves
decreases aortic pressure and systolic left verdripressure. The decrease in the right
side of the heart is much smaller than in thede&fe due to the lower overall pressures
in the pulmonary loop, and the great distensibitfypulmonary blood vessels. This
suggests that valve dynamics has a great influemceéhe overall system response
(again, from both the clinical and numerical poiotview).

When all the effects of atrial contraction, KG diaggm motion and valve dynamics
are considered together in the simulation, theovarifactors interact with each other.
The effects of atrial contraction and KG diaphragmtion on pressure and flow-rate
responses counteract each other, but overall aémnbricular interaction results in
increased volumetric cardiac output. If the moaeluded ventricular contraction and
valve dynamics but did not include the effect afcaventricular interaction, then it
would predict that regurgitant mitral and tricuspidive flow would occur in early
systole. Adding the atrio-ventricular interactiomael causes a phase lag in the local
difference between atrial and ventricular pressuresend diastole, resulting in

regurgitant flow in the mitral and tricuspid valvesar the end of the diastolic phase.

Comparing the results of the model containing imlial features of the model with the
results of the model containing all the featurekystrates which aspects of
cardiovascular system response are caused by theidumal model features. The
combined effect of atrial contraction and KG disgym motion in atrio-ventricular
interaction results in: features FP1, FP2 and félP3he a, ¢ andv waves in atrial
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pressure; feature FQ2 foA velocity; feature FQ3 forE velocity; and theE/A

velocity ratio in mitral/tricuspid flows. The maiude of features FP1, FP2 and FP3 is
smaller in the pulmonary loop than in the systelmap, but the change is more visible
in the pulmonary loop traces, due to the overalleo values of pressure in the

pulmonary loop.

The improved heart valve dynamics model illustrdésgure FP4 for the dicrotic notch
and feature FQ1 for regurgitant flow in the healves. The dicrotic notch is the result
of the combined action of heart valve dynamics,obllonertia, and pulse wave
reflection in the arteries. The heart valve dynamuwdel plays an important role in
simulating this feature. In previous works thatleeted valve dynamics modelling this
feature is not manifested. Similarly, regurgitaiaive flow results directly from the

heart valve dynamics model, and it is missing ievgrus works that did not consider

valve dynamics.

Modelling of heart valve dynamics also approximatspects of the valve leaflet
angular position, and through that of the valve mopg and closing process, as
illustrated in Figure 2-19.

The main limitation of the current model is that neuro-regulation effect was
considered. As introduced in the introduction ckapih the human body the heart rate,
the heart contractility, and the vessel tone, andeu the regulation of sympathetic and
parasympathetic nerves. In situations such as seepondition or under emotional
changes, the neuro-regulation effect can inducehnaiange in the cardiovascular
response. Some other non-linear effects and extert@actions, such as interaction
between the cardiovascular system and the respiraystem, the auto-regulation
effect, venous collapse due to extra-luminal pressare all neglected in the current
model. To achieve better simulation accuracy tlasirs will be properly modelled in
the next stage of the modelling work. Since thia lemped-parameter modelling, some
cardiovascular features like pulse wave transmisaitd reflection cannot be captured
by the model. To describe such features, the cumerel needs to be combined with
higher order models (such as 1D and 3D models)oton fa more comprehensive

description of the cardiovascular dynamics.
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2.5 Conclusions

In this chapter a new cardiovascular system mosleleveloped to simulate human
circulation dynamics. In the model, the heart isdeled as a four-chamber pump with

variable elasticity.

As enhancement from previous models, nhew modelsatfoo-ventricular interaction

motion and heart valve dynamics are developed. Base MRl measurements of
cardiac dynamics, motion of the atrio-ventriculanalus fibrosus, which is acting as a
diaphragm pump called the KG diaphragm, is conedlen the model, and a linear
tissue stress--elasticity constitutive relationassumed for the atrial and ventricular
chambers. Motion of the atrio-ventricular interaatiring area (KG diaphragm) is
modelled by considering the various factors of gues difference across the
diaphragm, frictional force, and tissue stresshe atrial and ventricular chambers.
Based on previous CFD studies, heart valve dynamic®nsidered in the model. In
modelling heart valve dynamics, the nonlinear pressflow-rate relation for flow

through an orifice is used, and the valve leafletiom is modelled based on Newton's
second law by considering the flow-induced presslifference across the valve and
the frictional force from tissue movement. The eyst and pulmonary loops are each
modelled as segments of aortic sinus/pulmonaryyasiaus, artery, arteriole, capillary
and vein, with the combined effects of flow resist® blood vessel elasticity, and

blood inertia modelled for each segment based cal iow characteristics.

This chapter also examines the individual contidiubf each feature to cardiovascular
system response, and then studies the integratpdnee as all features are considered
together. Simulation results validate the greduarice of heart valve dynamics on the
cardiac response, and prove that the atrio-verénciateraction acts as an auxiliary
pumping mechanism. Certain important charactesisticcardiovascular response, such
as thea andv waves in atrial pressure, dicrotic notch in aoptiessureE/A ratio in
mitral flow, regurgitant flow through heart valvet., are successfully simulated. The
study suggests that models for the heart valve miocg and the atrio-ventricular

interaction should be considered in the future icaabkcular studies.
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Chapter 3 Computational Modelling and Evaluation of
Cardiovascular Response under Pulsatile Impeller

Pump Support?

This chapter presents a numerical simulation oflioaascular response in the heart
failure condition under the support of a Berlin HeBtNCOR® impeller pump type
ventricular assist device (VAD). To investigate thotential of using the Berlin Heart
INCOR® impeller pump to produce physiologically mewayful arterial pulse pressure
within the various physiological constraints, aiesgrof VAD assisted cardiovascular
cases are studied, in which the pulsation ratio thedphase shift of the VAD motion
profile are systematically changed to observe #neliovascular responses in each of
the studied cases. An optimisation process is megoincluding the introduction of a
cost function to balance the importance of the ati@ristic cardiovascular variables.
Based on this cost function it is found that a gtids) ratio of 0.35 combined with a
phase shift oo produces the optimal cardiovascular response,yging a maximal
arterial pulse pressure apsmmH¢ without inducing regurgitant pump flow whilst

keeping other characteristic cardiovascular vaemshlithin appropriate physiological

ranges.

3.1 Introduction

Numerical simulation has been extensively appliedthe study of cardiovascular
dynamics in heart failure under support with a vieatar assist device (VAD), and this
has greatly promoted the design and analysis of ¥AiD achieve optimised
cardiovascular response. In terms of system-lesediovascular dynamics, including

the examination of perfusion efficiency under diffiet VAD configurations, the most

2 Adapted from:

e Shi Y., Brown A.., Arndt A., Nuesser P., Lawford P., Hose R., Numerical Modelling and
Evaluation of Cardiovascular Response under Pulsatile Impeller Pump Type VAD Support,
Journal of the Royal Society: Interface Focus, 1(3), pp320-337, 2011

e Shi Y, Hose R., Lawford P., Numerical Modelling of Hemodynamics with Pulsatile Impeller
Pump Support, Annals of Biomedical Engineering, 38(8), pp2621-2634, 2010
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useful information has come from zero dimensiohahped-parameter studies. Three
dimensional computational fluid dynamics has itk i@ the detailed analysis of flow
fields in the device itself, for example to evakidilood damage and thrombosis
potential, and in the future will be applied in netslof the heart and vasculature to
evaluate details of physiological flow fields undeiVAD support
(http://www.euheart.eu)

Currently two types of VAD design are widely usedtieatment of end stage heart
failure: impeller pumps and displacement pumps. ganed to displacement pumps,
impeller pumps have the advantages of compactmess/alves, a simpler control
aspect, lower power consumption and lower relatiwst (Takatani 2001). However,
most impeller type VADs are designed to work incastant speed mode, and thus in
principle produce non-pulsatile flow. It is widedgcognised that pulsatile flow has an
important effect on circulation physiology: it protes kidney and liver perfusion, and
promotes microcirculation at the cell level whichimportant in early treatment of
acute heart failure (Sezat al. 1999, Undar 2004). In the heart failure conditiorder
impeller pump support, the diseased myocardium dwse remaining contractility
which can produce residual pulsatility in the blofmv, but such pulsatility is often
negligible and does not have a physiological sigaifce comparable to that of the
healthy condition or of the condition of heart faé assisted with displacement pumps
(Undar 2004). To enjoy the advantages of compadtedalesign in the impeller pump
VADs and the improved perfusion to peripheral ogyaith pulsatile blood flow, it has
been proposed that the rotating speed of the iempplimp might be varied over the
heart cycle (Choet al. 2001, Gobeét al.2001, Qian 1996, Vandenbergéteal. 2005).
Several researchers have reported arterial prepsisation covering the physiological
range ofgo-120mmH¢ without thrombus formation. Qian (Qian 1996) prego the use
of twisted impeller vanes to reduce the Reynoldgashstress minimizing the
haemolysis within the pump, and thus claimed toehprvoduced the first effective
pulsatile centrifugal blood pump. Gobetl al (Gobelet al. 2001) designed the Medos
DeltaStream impeller pump and tested it under aissiidal speed variation of
3000-9500rpm. The pump produced a pressure fluctuation betv@een20mmH¢ with

no thrombus formation in testing. Vandenberghel compared the unloading effect
of the Medos Micro microdiagonal rotary blood pumpder both continuous and
pulsatile modes (Vandenbergbeal. 2003), and also studied the haemodynamic modes
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of ventricular assist with Medos DeltaStream rothlyod pump in continuous and
pulsatile modes (Vandenbergaeal.2005). In studies of VAD control strategy design,
Giridharanet al (Giridharan and Skliar 2003) and Ohuehial (Ohuchiet al. 2004)
modulated the speed of the rotary blood pump amdlymed pulsation of arterial
pressure covering the physiological range. HoweSérget al (Shiet al. 2010) carried
out numerical evaluations in a HeartMate Ill impelpump and warned that although
modulating the pump rotating speed could producgsiplogical pressure pulsation,
this control mechanism also induced strong regangitpump flow, which greatly
reduced the pump efficiency. Since the cardiovasctgésponse under VAD support
depends on the interaction between the native lation system and the VAD, and
different VAD designs have different characteristicore case studies are necessary
and it is imperative to test other impeller pumpsler similar situations before a

concrete conclusion can be drawn.

To evaluate the performance of VAD support anddfiect of VAD interaction with
the native cardiovascular system, it is necessaryddtermine which quantitative
physiological criteria, including cardiac outputrepsures in various parts of the
circulation system, balance of blood distributioetvkeen the systemic and the
pulmonary circulation loops, metabolic requiremesitperipheral organs, vital organs
(such as brain, kidney) perfusion pressure, VADrgneonsumption etc., should be
used to compare cardiovascular response underratdiffeVAD control strategies.
Inevitably those strategies that produce optimaifgpemance against one of the
physiological criteria offer degraded performangaiast others. In the majority of
publications to date the focus has been on a swibg#tysiological criteria, neglecting
the others. For example, cardiac output was themeajncern in (Abet al. 1998, Choi
et al. 2001, Heet al. 2005, Hsu 2004, Klutet al. 1992, Saitcet al. 1999, Yoshizawat
al. 1992); left atrial pressure was the main targef AD motion optimisation in (Heet
al. 2005, Kitamura 1990, Mcinnist al. 1984, Olegaricet al. 2003, Saitcet al. 1999);
left ventricular pressure was addressed in (Belligt al. 2002); arterial pressure in
(Barneaet al. 1992, Bullisteret al. 2002, Heet al. 2005, Kosakaet al. 2003, Wuet al.
2003); pressure difference across the VAD in (Waedral. 1999, Wuet al. 2003);
peripheral vascular resistance in (Abe al. 1998, Saitoet al. 1999); heart oxygen
consumption in (Drzewiecket al. 1990); and venous oxygen saturation in (Nakamura
et al. 2000) etc. Also some VAD characteristic variabdesh as VAD pump flow
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(Kosakaet al.2003, Nakatat al. 1999) and VAD pump rpm (Het al. 2005, Ohuchet

al. 2004) have been included in evaluating the VADpsup performance. Although
each of these publications offers valuable insigtd specific aspects of performance,
it is apparent that there is a need for an ove@takiological indicator (a cost function)
that provides an indication of the extent to whibk balance between the conflicting
performance requirements is met. \&ual (Wu et al. 2003) used a weighted average
of aortic pressure and pressure difference acrhossVAD in the design of a VAD
controller. Heet al (He et al. 2005) designed specific member functions to cateul
the effects of individual physiological variablesciuding stroke volume, mean left
atrial pressure, minimum aortic pressure, and npeagmp rotation speed under different
VAD motion conditions, and then computed the wesghtiverage of these member
functions to decide the overall quality of the VAd3sisted cardiovascular response.
Such a weighted average of physiological varialpesvides a better solution to
address the contradictory requirements in the ogéinion of VAD assisted
cardiovascular response. In this chapter a morepoemensive physiological indicator
cost function is introduced. The numerical modetalded in (Shiet al) has been
operated to study cardiovascular response in & falre condition under the support
of a Berlin Heart INCOR® impeller pump, and to opse a simple control algorithm

against the proposed cost function.
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(b) Model structure for the impeller pump
Figure 3-1 lllustration of cardiovascular system with impeller pump VAD

(Refer to the nomenclature table for detailed name of each compartment)
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Figure 3-2 Conceptual drawing of pump characteristics for Berlin Heart INCOR®
impeller pump

3.2 Materials and Methods

3.2.1 Numerical model of the System

Figure 3-1 shows a schematic of the whole systexsed on that described by (SHhi
al. 2010). The system comprises two parts: the natardiovascular system and the
impeller pump. The inlet conduit of the impeller nmu is connected to the left
ventricular apex to achieve improved unloading ttd tiseased ventricle. The outlet
conduit of the pump is connected to the ascendartaan order to minimise blood
stasis in the aortic root.

A detailed zero-dimensional model of the natived@arascular system has been
described in (Shi and Korakianitis 2006). The sysie modelled in three main parts:
the heart, the systemic circulation loop and thienpuaary circulation loop. The heart is
modelled as a four-chamber pump with variable aefast and four heart valves that
control the direction of blood flow. The systemiedapulmonary circulation loops are
separated into aortic sinus/pulmonary artery sirarggrial, arteriolar, capillary and

venous compartments. The local resistance to bitoed elasticity of blood vessels,

and inertia of blood are modelled in each compantmd&he combined effect of

venules, veins and vena cava is modelled as theugenompartment. The arterial
compartment represents the general characterstitise aorta, the main and smaller
arteries. The aortic sinus compartment charactetise aortic root. The heart valve
dynamics have also been modelled by combining presdifference, frictional force

and vortex effect on the valve leaflets.
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The characteristics of the device are describedabyelationship of the form
AP =P(Q,»), based on the experimentally measured pressuredi@mracteristic in the
Berlin Heart INCOR® impeller pump. Figure 3-2 shothie conceptual drawing of the
pump characteristics for the Berlin Heart INCOR®étler pump.

Figure 3-3 Legends for impeller pump speed change

(The two variables to be changed in the pump motion are the pulsation ratio a)p/a)o and the

phase shift ¢ .)

3.2.2 Strategy for the optimisation of pump motion

The primary variable of pump operation that cancbatrolled is its rotation speed.
Although most commonly used in a constant speedemads possible to vary the

speed over the cardiac cycle. This study expldnesoptimisation of a two-parameter
control algorithm, defined by the pulsation ratithel amplitude of an imposed
sinusoidal motion as a proportion of the necessaderlying constant component) and
the phase of this imposed pulsation relative toitgaired contraction of the failing

native heart. The control algorithm is describedh®yfollowing equation:

®=0q+op-sin2rt/T +¢) (3-1)

Although it is possible to prescribe any temporgbression for the impeller pump
control (the rotation speed), in practice a smautfile is best to reduce the impact
and the effect of mechanical imbalance. A simpleisbidal expression satisfies this

constraint. The constant component of the VAD spegd determines the cardiac
output in a heart cycle. In this study is chosen to produce a cardiac output of about
70ml/beat and an arterial pressure &f-120mmH¢ under the simulated typical vascular

impedance. The two control variables of pulsat@tior(defined as the ratio of pulsatile
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to constant components in the pump speggd»,) and phase shift can be varied

individually in the corresponding ranges to obtidia optimal cardiac support. In this
study the pulsation ratio is varied over a rangd®-&8, in increments of 0.05. The
upper limit of the pulsation ratio is chosen to idvexcessive regurgitant flow in the

pump, which might happen at low VAD flows. The phakfferences is changed over

the range oD-360, in increments ofce. Each combination of pulsation ratio and
phase difference is examined to evaluate the caadeular performance. Figure 3-3
shows a typical temporal profile for the rotatigresd of the impeller pump: the change

of left ventricular elastance, is also indicated to illustrate the phase relabetween

the pump motion and the native ventricular conioact

3.2.3 Evaluation of cardiovascular performance

As discussed above, many studies have focused @mwrmotwo specific cardiovascular
performance measures. (H# al. 2005) introduced the notion of a cost function,
balancing competing and conflicting requirementsléscribe an overall performance
index. In this study a new and more comprehensig ftinction that includes a wider
range of requirements ((Het al. 2005) included four parameters, whilst this study
extends to eight) is introduced. Similar to (eteal. 2005), this study defines individual
member functions that indicate the optimality ofcleaindividual performance
parameter (such as cardiac output or left ventmicydressure). These individual
contributors are multiplied to serve as the cosicfion that describes the overall
performance of the system: the multiplication opiera corresponds to the ‘and’
relation among the cardiovascular variables. OVeaidiovascular response should
ideally satisfy all of these variable constrairitss suggested that there is significant
merit in the development of a single quantitativeygiological performance index.
Whilst subjectivity remains in the determinationbafth the member functions and the
cost function, the optimisation process is fornalisand clarified and it might be

possible to achieve a community consensus on tiesie building blocks.

Not all parameters have the same degree of impmetand constraints on their inter-
relations, and this should be reflected in theirmiper functions. An acceptable
cardiovascular response requires that the cardidput the left atrial/ventricular

pressure, and the arterial pressure all lie witheanormal ranges concurrently, whilst

stroke volume and left ventricular volume are expedo lie outside the normal range
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but not by too much. One of the questions in theretu study was whether a
physiologically meaningful arterial pressure putsatcould be produced without
causing regurgitant pump flow. Thus the member tions are classified into two
groups: a vital group and a non-vital group. Thalyparameters should be maintained
within the target ranges, within which their memlanctions are assigned a value of
unity, and outside these ranges their member fometdrop rapidly to zero, firstly to
penalise and ultimately to exclude inappropriatedesoof operation. For non-vital
variables the maximum value of the membership fanctemains at unity but the
minimum value is assigned a positive value evehafparameter lies outside the target
ranges, so that these terms have less impact dm#h@verall performance index. The

final performance index is expressed as:

| = 1,CO) Qo) Fo(APw): Tu(R)- Fo(R)- Fo(Po)- T, )- TosV) B2

The definitions of the ranges and the forms of fthections are, of course, based on
subjective judgement of the researcher. Cardiagpubushould meet the normal
requirement offoml/s in order to provide sufficient perfusion to thegans. Further
increase in cardiac output might be advantageotiset@ardiovascular response, but it
is not necessary when not physiologically needé@. gump flow is mainly decided by
the pump rotating speed applied as external conaadble and the pressure difference
across the pump. However, negative pump flow igrofassociated with impaired
perfusion efficiency and increased blood cell dagnagd should be avoided. The VAD
assisted left ventricular pressure should be mathin the range o8-55mmH¢. A
smaller left ventricular pressure helps to pressunead the heart and thus facilitates
the recovery of the myocardium; while too low ventlar pressure will induce
collapsing of ventricular wall and needs to be dedi The left atrial pressure
preferably should be kept in the rangeseflommH¢, achieving a balance between
minimizing the potential of pulmonary oedema and cawsing atrial suction and thus
stopping of flow to the VAD. The arterial pressgf®uld be maintained in the normal

range ofgo-120mmH¢ and have the necessary pulsatility to minimize wvascular

resistance and promote organ perfusion. Pulsatfithlood flow can be evaluated by
. . . T T . .
the energy equivalent arterial pressure (deflne{iO IaEth/ IOth, which is a measure

of the pulsatile energy delivered by the heart @n®¥/AD) (Shepardet al. 1966) and
the arterial pulse pressure (i.e., the differeretsvben the systolic and diastolic arterial
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pressures during a cardiac cych®,= P.—P,4) (Undaret al. 1999). The left ventricular

volume should be decreased from the dilated camditb the normal range to volume-
unload the heart chambers, and finally the straddeirae (approximately equals the
volume difference of the left ventricle in a heasficle) of the ventricle should be
maximized within a reasonable range, in order itowdate reverse remodelling of the
diseased heart (Pieske 2004). It should be notatl ttie stroke volume may not
necessarily equal to the cardiac output per hegetecwhen the failing heart is
supported with an impeller pump, due to the comtirsuflow nature of the pump. Some
other physiological requirements proposed or usegrevious researchers, such as
balance of blood distribution between the systeamd the pulmonary circulation
loops, metabolic requirement of peripheral organsgl organs perfusion pressure,
VAD energy consumption, heart oxygen consumptioml 2enous oxygen saturation,
are too complex or difficult to evaluate, and treg not considered in the current
study. Based on these considerations, a numbereafb@r functions are constructed
(Shiet al), with each corresponding to the individual phimigcal variables assessed.

They are listed in Table 3-1.

Table 3-1. Physiological variables and the corresponding membership functions
constructed in assess the cardiovascular response

(Those with a minimum index value of 0 belong to the vital group; those with a minimum index

value of greater than 0 belong to the non-vital group)

Physiological variable Membership function lllustration of function
0 , CO<60 1
: o[ COZ00V 6o co<6s
Cardiac output 65-60 8o
(CO>70ml/s) f(co)= 2 £
N o[ COZT0V 65 co<70
70-65 0
1 CO>70 50 60 70 80 90
Cardiac output (ml/s)
0 Quap £2
2 1
-2
2(%} 2<Quo €|
Minimum flovv/ln the VAD f(QVAD)= o, o2 Sos
(QVAD >10ml S) 2 L 6< <
10-6 Quab |
1 Quap >10 0 5 " (mV;)o 15
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1
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3.2.4 System Parameters

The values of the haemodynamic variables in theveaiardiovascular model are the
same as those used in (Korakianitis and Shi 20@t, and Korakianitis 2006).

Coefficients for the Berlin Heart INCOR® pump modeld parameters for the inlet
and outlet cannula are provided by the Berlin H&ambH. The heart period is set as 1s

(corresponding to 60 beats per minute).

3.2.5 Procedure of numerical study

First the numerical model is tuned to simulate ¢hediovascular response in healthy
condition, to establish the baseline case for cammpa with further cases. Then the left
ventricular systolic elastance is reduced to ofth bf the normal value to simulate a
typical heart failure condition. The regulatory exffs of the sympathetic and
parasympathetic nerves are not modelled, to fatglitlirect comparison with the VAD-
assisted system. Next in the numerical model thepassistance is enabled, the
pulsation ratio and the phase difference in thegumtion profile are both set to zero,
and cardiovascular response for different pump dpeeexamined to find the baseline
constant pump speed that can produce a normakcandtput. This value is then used
as the constant component of the VAD speed, angdleation ratio and the phase
difference are changed in increments over theil falnges to simulate the
cardiovascular response under different combinatafithese two control parameters.
Of course it would be possible to run an optim@atroutine directly to find the
optimal solution of the cost function, but this ot characterise the solution space.
For each case, the pressure, flow and volume ckaargesaved as data files. The data
files are then read into MATLAB, the converged c¢acdcycles identified, and the
characteristic physiological variables extractewluding cardiac output, maximum
and minimum values of left atrial/ventricular press, arterial pulse pressure, energy
equivalent arterial pressure, maximum and minimataaes of left ventricular volume,
and stroke volume. These characteristic variabtestlaen fed into the constructed
membership functions to calculate the corresponderdormance index for each of the

simulated cases.
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3.3 Results
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Figure 3-4 System response of cardiovascular model in different simulation cases

3.3.1 Cardiovascular Response in Healthy and Left Ventricular Failure

Conditions and with Baseline Impeller Pump Support

Figure 3-4 (a) shows the simulation results forspuee, flow rate and volume changes
in the systemic loop under the healthy conditione3é results agree well with typical
cardiovascular responses (Guyton 2006), with adlsgure, flow rate, and volume
parameters within the normal ranges. Figure 3-4illimtrates the simulation results
under a typical LV failure condition. Generally thesponse curves have the same
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shapes as in the healthy condition but with alterathble values, corresponding to the
impaired perfusion and the dilated left ventriculenamber in the heart failure
condition. The cardiovascular response in the haddre condition with Berlin Heart

INCOR® support under baseline pump motion modédsve in Figure 3-4 (c). Here a
mean VAD flow-rate of7rsmi/s is chosen as the standard situation against wdiich

other cases are compared. Generally the arteredspre is restored to the normal
range, and the ventricle is both pressure-unloadetvolume-unloaded from that of

the heart failure condition to the healthy leveFigure 3-4 (a).

These simulation results also agree with previoabdated data under the same
conditions as reported in (Séi al. 2010). These serve as the validation of the ctlyren

study.
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Figure 3-5 lllustration of change in cardiac output under different situations of pulsation
ratio
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(Variation of cardiac output is due to the different slopes of the pressure/flow curves in different

flow ranges. Refer to the main text for detailed explanation.)

Table 3-2 Changes of cardiovascular variables and index values under different phase
shift and pulsation ratio values
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Feak left ventricular pressure

Index: Left ventricular pressure
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3.3.2 Searching for VAD motion to produce satisfactory cardiovascular

response including arterial pressure pulsation

Following the procedure introduced at the end o thethod section, different

parameter combinations for the phase differepcand pulsation ratios, /o, are

applied in the VAD motion profile to simulate thessted cardiovascular dynamics,
and the corresponding response is evaluated usiagntembership functions and
performance index developed. Table 3-2 illustrates changes of characteristics
cardiovascular variables as well as the index waloé the each corresponding

membership functions under the differentind o , /o, combinations.

In Table 3-2, the cardiac output changes in thgearf70-8oml for the different cases.
Although there is a small improvement of cardiatpatiat ag value of around2¢,
generally ¢ is not an important determinant of cardiac outpithis is due to the
counter-pulsation effect; a higher pump speed iy afiastole instead of in systole
delays the development of an arterial pressure pedk diastole. Also, with the
remaining contractility in the diseased left verlj the peak in the left ventricular
pressure occurs in mid-systole. Thug aalue of12¢ helps to produce a slightly
higher pressure difference across the VAD in sgstewhich contributes to the slightly
elevated pump flow and accordingly to the overalbioved cardiac output in the case
with a ¢ value of12¢°. Note that the duration of systole is less thalh dfathe heart
period, as shown in Figure 3-3, and diastole starta phase of aboute from the
start of heart contraction, instead 18 . Variation in pulsation ratio has a more

prominent effect than the phase difference on #eliac output. It is observed that
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when either the minimum value of 0 or the maximuatue of 1 is assigned 4Q /o ,

the cardiac output will reach almo®&tml, whilst between these two extreme conditions

the cardiac output has a minimum, located at g, of about 0.55. Shet al, (Shiet

al. 2010), analysing a different pump, reported alaingdecrease in cardiac output over
the interval to 0.55, but did not see the recowaryhe higher pulsation ratios. This
recovery is attributable to the different slopetie pump characteristic curves, as
illustrated in Figure 3-5 (a)-(c). As shown in Figw-5 (a), the pump P-Q curve in the
second quadrant of the P-Q plane, i.e., the regumgpump flow region, has a much
steeper slope than that in the first quadrant,tbhe. normal forward pump flow region.
Also, in the first quadrant the P-Q curves haveeger slope in the high flow range
than in the low flow range. For a fixed pressuréedence across the pump, suppose
the constant pump rotating speed corresponds towtheking point A and the

modulated maximum and minimum pump speegsto, during a heart cycle
correspond to the pump working points of B and dwvidually, then the corresponding
changes in pump flow due to pump speed modulatren@,z and AQ,-. As the

pulsation ration increases points B and C moveointp B’ and C’. A constant pump

flow of Q, will produce a cardiac output @O=Q,-T, with T being the heart period.

While with the pump speed modulation, the cardiatpuot is:

T/2 T T/2 T
CO= |, "Q-dtr [ Qc-dt=[ " (Qe +Qu-Qu)dt+ [ (@c+Qa-Qulat

=Qa-T +J;r/2AQAB 'dt—_[:/zAQAc dt=Qp-T +I;(AQAB —AQpc)-dt
AQpg and AQ,c are individually illustrated as shaded areas gufé 3-5 (b). From the
P-Q curves in Figure 3-5 (a), it is observed tigpalsation ratio changes, flowgs, ,
Qg andQ. and flow differenceanQag - AQac generally follow the trend as shown in
Figure 3-5 (c) due to the different slopes of theves in different regions. The flow
difference AQag -AQac IS zero at zero pulsation ratio. When the pulsatiatio
increases, at first the relatively bigger slope¢he P-Q curves between the flow range
corresponding to points A and B compared to thatesponding to between points A
and C produces a much smalle,g than AQ,c, thus AQag-AQac <0, and the
overall cardiac output is falling rapidly with gation ratio increases. When the
pulsation ratio increases further, point C move€towhich is in a much steeper area

of the P-Q curves, so that the difference betws®x; and AQ,cbegins to decrease,
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althoughaAQ,g is still less thamQa:. When the pulsation ratio approaches 0.8, the
difference betweemnQ,z and AQ,- becomes negligible and the drop in the cardiac

output is decreasing to zero. Thus overall the iaardutput exhibits the form
illustrated in Table 3-2. In summary, although thedulation of both amplitude ratio
and phase produce changes in cardiac output, dngsmeter remains within the desired
range over the whole of the operating space arilessmembership function assumes a
value of unity throughout.

The next two parameters investigated were the gregjgivalent arterial pressure and
the mean arterial pressure. In the low frequenoygeaboth of these parameters are
approximately proportional to the cardiac outputieTenergy equivalent arterial

pressure is in the range ed-106mmH¢. The index value for the energy equivalent
arterial pressure is slightly smaller than 1 whgjj«, is in the range 063-038 but,

as illustrated on Table 3-2, it is not significgnthelow its optimal range. Similar

conclusions apply to the mean arterial pressuresimmwn in the table.

Generally there is an inverse relationship betwesmdliac output and peak left atrial
pressure; slightly more blood is accumulated inléifieatrium when the cardiac output

is low (o, /og in the rangen3-09) and thus the peak left atrial pressure is highbe.

model indicates that left atrial pressure generadly in the target range 6f10mmHc¢

and its contribution to the cost function remaitesse to unity, with a small drop off
associated with a minor elevation of pressure eweate of the solution space.

A single membership function for ventricular preassus suggested, penalising
excessively high or excessively low pressure at powt in the cardiac cycle. The
maximum left ventricular pressure is of direct dal interest because it is closely
related to the peak stress level of the cardiaccreu3he minimum left ventricular
pressure is also of interest in conditions of VAlpgort, because when it is too low
there is a strong potential for collapse of thetnemlar wall. This will adversely affect
normal VAD function in the same manner as atrialtism. Generally the peak left

ventricular pressure lies around the target leviekssnmH¢ over thew,/o, and ¢

ranges, except in two regions. The first correspotu the situation of counter-

pulsation in VAD assistance, for whiaiB5< o, /og <1 and60° < ¢ < 21¢°, and the peak

left ventricular pressure is as high4msnmHc. The second is related to the co-pulsation
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mode of VAD assistance, for whidlv <, /oq <1 and 250 < ¢ < 360°, and the peak left

ventricular pressure is aboldmmHc. The minimum left ventricular pressure is also of
interest in conditions of VAD support, because wlias too low then there is a strong
potential for collapse of the ventricular wall, whiwill adversely affect normal VAD
function in the same manner as in the atrial soctim terms of minimum left

ventricular pressure, the acceptable region isigedfto abouto2<w,/wy<1 and

60° < ¢ <270, as shown in the performance index plot for thenimership function of
the left ventricular pressure. The overall condusis that ventricular pressures are
acceptable over most of the possible control spettiThe unacceptable region is due
to excessively low minimum left ventricular pressuyk 5mmH¢), which may induce

ventricular wall suction during VAD support.

Arterial pulse pressure increases almost lineadynfi-32mmH¢ when the pulsation

ratio increase from O to 1. In this range, the @iid® ratio»,/o, needs to be kept

above 0.4 in order to produce the target minimumsgure pulsation of 15mmHg
(Undar et al. 1999). The phase shift has little influence on Hréerial pressure
pulsation, with only a small decrease in arterialsp pressure when the phase shift is
about12¢>. Based on the form of the chosen membership fomdhe contribution of
arterial pressure pulse to the performance indéibés a sharp change at the pulsation
ratio of 0.4: below 0.4 the index value is zerad above 0.4 it is 1.

In terms of pump flow, the critical issue is to aadhe development of regurgitant
flow, which enormously decreases the pump effigreanad should be avoided. The plot
for the minimum pump flow shows that the minimunmguflow exhibits a trend of

quick dropping from about5mi/s to 0ml/s whenw, /o, increase from 0 to 0.4; for
further increasing ino, /oy the minimum pump flow demonstrates a much slower

dropping, and the value decreases fromy/s to about-53ml/s. Also the minimum

pump flow seems not sensitive to the phase shitt) anly a minor elevation exists
near the region ofox for the phase shift. The upper limit of the purtgwfis always
not a problem. Thus correspondingly the performandex plot for the membership
function of VAD flow shows a steep variation at ab0.4 forw, /o .

The minimum ventricular volume computed under theedope of present simulations

remained within the normal range, and so this @idprove to be a critical parameter
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under the conditions studied. In contrast, the psakuime did move into an
unacceptable range, implying ventricular dilatioand so contributed to the
optimisation under this envelope of operation. Unoldaer conditions, for example if
the rotation speed were set too high, the minimwiarnae might become a critical
factor. The response surface for the peak leftnetar volume is similar in form to
that for peak left atrial pressure. The model ssggéhat in most situations the peak
left ventricular volume is above the ideal maximuentricular volume ofi3oml, thus
the performance index for the membership functiblet ventricular volume shows a
negative response. Since the left ventricular velusnclassified as a less important
physiological variable, its index value does ndeetf the overall performance index
much. It should be noted that although the VAD siasice cannot fully restore the
ventricular volume to the healthy condition zif-130ml range, this is the best that can
be achieved in the current VAD application situatidn the current study the
membership functions are all constructed basedhemtore stringent condition of a
totally healthy condition, instead of based on ltieser condition of VAD application

practice.

The control of volume change of the left ventridigring a heart cycle is not strictly
required as a criterion in the evaluation of VADsiaged cardiac response, but
operation over a healthy range would be regarded assitive feature. Generally
increasing the pulsation ratio helps to produceattrl volume change. Phase shift also
has strong influence on the left ventricular voluchange. At a phase of abastr the
volume change in a heart cycle is minimised, andbatut33e it is maximised. The
achievement of larger volume changes in the preseh@ VAD is difficult, and for
most of the operational range the stroke volumetos low to claim positive

performance with respect to this parameter; onlyvo regions, one fob3<w, /vy <1
and 270 < ¢ <360 and the other fon3<w, /0y <1 and0° < ¢ <50, does the ventricular
volume change reach normal physiological levels.

The index values for the membership functions erathindividually in the preceding
text are combined using equation (3-2) to calcullaéeoverall performance index, and
Figure 3-6 shows the result as a function of the ¢antrol variables. It is observed that
the performance index is O over most of the contarige, meaning that the
requirements for the characteristic cardiovascwdaiables are not satisfied in one way
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or another. Only in a small region @2<w,/wg<04 and 90°<¢ <270 does the

performance index rise to above 0, and the maxinaalme is 0.3, indicating that the
conflicting requirements have made it impossibldind an operational condition in
which all parameters lie within their individualtopal ranges. The peak performance

index corresponds to the studied case pfoo = 035 and ¢ =200 . Figure 3-7 (a)—(c)

shows the corresponding pressure, flow and volumaages in the studied case during
one heart cycle. Generally the cardiovascular nespdor this case is acceptable, with
the cardiac output, left atrial and ventricularggres, mean artery pressure, VAD flow
all in the normal healthy range. However, there @se deficiencies in the response.
Firstly the amplitude of arterial pressure pulsatiobserved in Figure 3-7 (a) is

126mmHc¢, which is slightly below the criterion aBmmH¢ in order to be classified as

physiological meaningful. However, it is difficulio further increase the arterial
pressure pulsation under all the constraints: asing the pulsation ratio in VAD

motion helps to produce elevated pulsation in mitgressure, but note that the
minimum pump flow is already near zero so far, la@ws in Figure 3-7 (b), and any
increasing in pulsation ratio will induce regurgitgpump flow. Also the left ventricular

volume is still a bit higher than should be in ieglcondition, and the left ventricular
volume change is less than expected, meaning thieizidar muscle experiences little

exercise and is less favourable when recoverymfi@mamuscle is expected.

Qverall Performance Index

This area corresponds to
- regurgitant VAD flow, thus
e it is not a valid YAD working
04 ¢ . area, although it has higher
L I ulse pressure.

0.6

04
90 0.2

Phase shift (degree) 00 Pulsation ratio

Figure 3-6 Performance indexes for the characteristic cardiovascular variables
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Figure 3-7 Cardiovascular response for the chosen optimal case (Phase shift = 200
degree, Pulsation ratio = 0.4)

(Although observable pulsation can be observed in the arterial pressure, the minimum pump
flow is almost zero. Further modulation of pump speed will easily induce regurgitant pump flow,

and thus should be avoided. )

3.4 Discussion

The modulation of the rotation speed of an impgllemp over the cardiac cycle to
produce arterial pressure pulsation has been pedpfis many years. A number of
numerical simulation or experimental results haesrb published to advocate the
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applicability of this technique (Chet al. 2001, Gobeét al.2001, Qian 1996, Sleit al.
2011a, Shiet al. 2011c, Vandenberghet al. 2005). However results in the current
study confirm those published earlier in the conteEfxa different pump design (Shkt

al. 2010): both revealed the development of strongingitant flow in the impeller
pump when the pulsation ratio in the VAD motion fpeois raised to the levels that
might produce near-healthy arterial pressure polsaRegurgitant flow in the pump
has several side-effects: firstly it greatly reditiee pump efficiency and thus increases
the pump power consumption; secondly the regurgigump flow enormously
increases the level of oscillatory shear indexlobd flow in the VAD, which elevates
the potential of blood cell damage; thirdly the uagtant pump flow contributes to a
unrealistically higher level of energy equivalenegsure due to the accompanying
repeated direction changes of the blood flow in W&&bD, although the main part of
energy is wasted on the reversing of flow directionthe VAD, instead of being
delivered to the perfusion of end organs. For thsson the regurgitant pump flow
needs to be vigorously avoided in the VAD motioanpling. In reviewing the previous
work the regurgitant pump flow can be easily idiedi in those published data.
Although the VAD devices used were different ind@grevious studies, few of them

seem to have overcome the problem.

In the current study a formal optimisation procedis developed, and a series of
membership functions corresponding to fundamentaracteristic cardiovascular
variables are constructed to achieve accurate esisghluation criterion for VAD
assisted cardiovascular response. It remains aéblett a community consensus on the
appropriate ranges and forms of the membershiptiimg With the currently chosen
functions, a systematic investigation is carried toucover the possible combinations
of pulsation ratio and phase shift in VAD motiorneldeveloped formalised procedure
has the potential to be applied in serious VAD @enance evaluations and motion

optimisations.

In the current research the membership functionastcocted to evaluate the
characteristic cardiovascular variables are basedhe idealised healthy condition,
which is a quite stringent requirement for the @ardscular response. In clinical
practice with VAD support, it is always difficultotmaintain every physiological
variable within the idealised range. For exampieheart failure patients the impedance
of the vascular network is often different from thealthy condition, and this poses
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much difficulty in keeping both the cardiac outpnd the artery pressure exactly in the
healthy ranges. Similarly the ventricular volumed astroke volume are difficult to
maintain as well. Thus it is impossible to satidtyese membership functions
concurrently in order to produce a overall perfonceindex of 1. It would be of real
value to the community to establish a more realiset of membership functions,
constructed to suit the practically achievable emngf characteristic variables under
VAD assistance.

In evaluating the level of pressure pulsation, dhgent study mainly adopted the rule

of 15mmHc¢ arterial pulse pressure as suggested by Uatal (Undaret al. 1999).

Undar et al also proposed a more stringent criterion in whntit only the pulse
pressure was specified, but also the first dekreatf aortic pressure, ejection time,
stroke volume and pulse rate were requested inrotdebe qualified as a
physiologically meaningful pulsatile flow (Unda&t al. 1998). Actually both of these
rules are empirically based and, given the impaeeanf this parameter in driving the
optimisation process, a more objective definitioan the physiologically meaningful
pulsatile flow, based on more comprehensive data ftlinical measurements on organ
perfusion conditions and the laboratory observatiohcell and molecular level patho-

physiological changes.

Several aspects of system characteristics affecfitial cardiovascular response: the
native cardiovascular system, the VAD performamce, the VAD motion profile. The
current study uses a sinusoidal change of pumpiootapeed for VAD motion profile,
and the pulsation ratio and the phase shift are asetwo parameters in the VAD
control optimisation. It is possible to design mooanmplex VAD motion profiles, such
as triangle, square wave, or even more complexemurves, and this may produce
somewhat different cardiovascular response. Howetes will not change the nature
of the study. For example, the regurgitant pumpv fiwill still develop when the
pulsation ratio is high, and the cardiac output #rearterial pressure still can not be
maintained exactly in the healthy range due tocti@nge of vascular impedance in the
diseased condition. As to the characteristics efrtétive cardiovascular system, due to
the enormous difference in patient condition, uguahly typical diseased case is
studied, and patient-specific study is the task af later stage when the
numerical/experimental techniques have become fodjured. This may leave the gap
for quantitative difference in comparison of resutiom different research groups, but

129



should not produce qualitative difference. The sante also applies to the difference
in VAD performance in facing the numerous VAD protu from different
manufacturers. Of course it is always cautiousnigestigate more VAD application

cases before drawing the final conclusion.

For convenience of calculation and demonstrationestilts, the current study uses a
heart rate of 60 beats/min, while in clinical stiaas patients often have a higher heart
rate of 80-100 beats/min. Strictly speaking, thescudature has a slightly smaller
impedance in such frequency range as comparedet6Qhbeats/min situation, so the
after-load to the pump will decrease slightly. Aetsame time the heart contractility
generally remains about the same. Thus under tine pamp speed variation pattern
the pump working points will shift to the higheoW region (to the right in the pump
pressure-flow curves in Figure 3-2) slightly. Asansequence, the pump flow and thus
the aortic flow will increase slightly, while theterial pulse pressure will exhibit a
minor reduction because of the different slopeth@ahigh and low flow regions of the
pump pressure-flow characteristics. Generally, atemn in the vascular impedance
between the current assumed heart rate and theatlpatient heart rate is very small
and thus the difference in heart rate will not eaappreciable changes to the current
simulation results. However, in some other situsigeuch as serious hypotension or
hypertension, the vessel impedance will deviatstsuially from the above simulated
condition. Under hypertension, the stiffer and cactied vessels contribute to a much
higher vessel impedance and greater after-loadhdocheart. With the preload to the
ventricle/VAD maintained at a similar level to thatthe systems analysed (preload is
decided by the venous/atrial pressure), the pumjking point will move towards the
lower flow region (to the left in Figure 3-2). Thisduces a reduced pump flow and
possibly higher arterial pressure pulsation. Uridgrotension the situation will be just
the opposite. Under both of these conditions trenghs in impedance are sufficiently
great to warrant the operation of the model to @elthese envelopes, but this is

beyond the scope of the current work.

3.5 Conclusions

This study reports on the development and appdinatif a two-parameter control
algorithm in the evaluation of cardiovascular resmin a heart failure condition under
the support of the Berlin Heart INCOR® impeller guniype VAD. A formal
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procedure is developed based on the multiplicabbna number of membership
functions to provide a single physiological perfarme index (a cost function) to
enable the optimisation of the control paramet&rgarameter combination of 0.35 for
the pulsation ratio andoo for the phase shift in the VAD control produces thest

cardiovascular response under the stated costidancin particular it produces a

maximum arterial pulse pressureiafs mmH¢ without inducing regurgitant pump flow

and whilst maintaining other characteristic card®&oular variables within the
corresponding physiological ranges. The memberg&imgtions themselves, and the
way in which they are combined, are based on aestib¢ assessment of the
appropriate physiological ranges and of the redaitimportance of each term. Although
the ranges in the current study are based on peblisterature where available, it
remains to establish a community consensus onpgipepriate ranges and forms of the

membership functions.

The focus of the current study is on propositiod demonstration of an approach to
optimisation, with its application illustrated athe heart rate. Before practical
implementation it is suggested that a whole enelgp simulations should be
performed under a range of physiological statethodigh this study focuses on
optimisation under a rather narrow physiological/edope, representative of a rest
condition, the methods could be applied to the kigweent of a much more
sophisticated control algorithm, based on adaptatm continuous monitoring of
parameters such as heart rate. This level of cbotrnald yield the greatest benefit to
the patient, but will require developments in moniig technology as well as in

optimisation and control.
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Chapter 4 Physiological Control of an In-series

Connected Pulsatile VAD: Numerical Simulation Study3

This chapter investigates VAD assisted cardiovascdynamics under PID feedback
control. Previously the author studied the cardsowdar responses under the support of
an in-series connected reciprocating-valve VAD tiglo numerical simulation, and no
feedback control was applied in the VAD. This resbaexplores the contribution of
the VAD control on the circulatory dynamics asgishy the reciprocating-valve VAD,
in response to the changing physiological conditioiihe classical PID control
algorithm is implemented to regulate the VAD strddeat-to-beat, based on the error
signal between the expected and the realistic raeditc pressures. Simulation results
show that under the PID VAD control, physiologicadriables such as left atrial,
ventricular and systemic arterial pressures, cardigput, and ventricular volumes are
satisfactorily maintained in the physiological raag With the online PID feedback
control, operation of the reciprocating-valve VARnchbe satisfactorily regulated to
accommodate metabolic requirements under varioysiglbgical conditions including

normal resting and exercise situations.

4.1 Introduction

Since their first surgical implantation in the 196@entricular assist devices (VADS)
have greatly helped in the treatment of heart fajlueither as a bridge to
transplantation, or as a bridge to recovery, wiitely there is also mention of
permanent implantation (destination therapy) (Rew Akdis 2000). Theoretically the
VAD should adjust its rotating speed and/or stra@&eproduce tailored output to
accommodate the physiological perfusion for indmat patients under various
physiological conditions. However, among the conuiaADs available none seems
to have such a capability. In clinical practice alsuthe VAD rotating speed or the
VAD stroke is adjusted by an experienced technjc@nthe patients are trained to

adjust the VAD themselves until a comfortable pgida level is achieved.

3 Adapted from:: Shi Y., Shi Y., Korakianitis T., Physiological Control of an In-series Connected Pulsatile VAD:
Numerical Simulation Study, Computer Methods in Biomechanics and Biomedical Engineering, 14(11),
pp995-1007, 2011
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In recent years the VAD control issue has recetved attention of researchers, and
various aspects of related problems are under tiget®n. In achieving VAD control
the first requirement is to identify a physiolodi@adicator which defines the desired
perfusion condition. The VAD controller must adjube VAD operation in order to
match this physiological indicator, and in turn tbembined native cardiovascular
system and the VAD produce the desired perfusioition to match the circulation
requirements in the native healthy condition. Tghigsiological indicator should satisfy
the various physiological criteria, including thardiac output, pressures in various
parts of the circulation system, balance of bloatritbution between the systemic and
the pulmonary circulation loops, metabolic requiestnof peripheral organs, vital
organs (such as brain, kidney) perfusion presd3#® energy consumption etc. These
requirements come from different aspects of cittataneeds and usually contradict
with each other (such as in diseased conditionsctrdiac output and the arterial
pressure cannot be maintained at the same timeyioRs researchers proposed many
physiological variables as the feedback signal AD\tontrol to address part of these
requirements, such as: cardiac output (Abal. 1998, Chokt al.2001, Heet al. 2005,
Hsu 2004, Kluteet al. 1992, Saitoet al. 1999, Yoshizaweet al. 1992); left atrial
pressure (Heet al. 2005, Kitamura 1990, Mclnnist al. 1984, Olegarioet al. 2003,
Saito et al. 2002); left ventricular pressure (Bullistet al. 2002); arterial pressure
(Barneaet al. 1992, Bullisteret al. 2002, Heet al. 2005, Kosakaet al. 2003, Wuet al.
2003); pressure difference across the VAD (Waetrsaal. 1999, Wuet al. 2003);
peripheral vascular resistance (Alké¢ al. 1998, Saitoet al. 1999); heart oxygen
consumption (Drzewiecket al. 1990); pulsatility gradient (Arndet al. 2008); and
venous oxygen saturation (Nakamutaal. 2000) etc. Also some VAD characteristic
variables such as VAD pump flow (Kosaktaal. 2003, Nakataet al. 1999) and VAD
pump rpm (Heet al. 2005, Ohuchket al. 2004) have been included in evaluating the
VAD control performance. Some even used a weiglatestage value of several of
these variables (Het al. 2005, Wuet al. 2003) or of the same variable in different
instances (Barneet al. 1992) as physiological indicator, in an effortatddress several
aspects of perfusion requirements at the same tifoe.avoid the possibility of
thrombus formation and drift in measurement in loeign usage of transducers, some
researchers (Ayret al. 2000, Choiet al. 2001, Endcet al. 2000, Kitamura and Gross
1990, Nakateet al. 1999, Oshikawaet al. 2000, Saitoet al. 1999, Tasclet al. 1990,
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Waterset al. 1999) also attempted to use the VAD internal dgysaich as driving
current/voltage, pump rotating speed, driving aiesgure, piston position etc. as
feedback signals in estimating the cardiac outgial pressure or ventricular pressure
difference for VAD control purposes. However, gess artificially constructed
indicators cannot adequately address the divergectss of cardiovascular function
requirements. (Giridharan and Skliar 2003) reviewkese proposed physiological
indicators and compared their advantages and distalges as feedback signals in
VAD control. Based on the comparison they propas@gw physiological indicator of
pressure difference between the left ventricle @amda for usage in VAD control. It is
claimed that this physiological indicator is relmband stable under various
physiological situations and changes. Later onidGaranet al. 2004) revised the
physiological indicator and used the pressure idiffee between the pulmonary vein
and the aorta to replace the previously proposed inorder to further improve the

control system response.

Another important issue to be addressed in VAD mdns the control algorithm.
Different control algorithms, such as the classpmalportion-integration-differentiation
(PID) control, the modern state-space control idicig the optimal control, the latest
nonlinear and fuzzy logic control etc., have be@pliad. Each of these control
algorithms has its advantages and disadvantageachireving various aspects of
response performance and easiness of implementdigviously numerous VAD
control studies have chosen the PID control asctwrol algorithm (Giridharan and
Skliar 2003, Giridharaet al. 2002, Kosakat al. 2003, Olegariceet al. 2003, Watergt
al. 1999) due to its mature application in industpedctice. Modern linear feedback
control (Kitamura and Gross 1990) and optimal aunfBarneaet al. 1992, Heet al.
2005, Kluteet al. 1992) have also been applied to address the neujpipysiological
indicator requirements. In recent years fuzzy logpatrol has also been attempted in
VAD control (Choi et al. 2001, Hsu 2004) to facilitate regulating the nmedr

cardiovascular system without relying on detaileathematical models of the system.

In achieving the desired VAD performance the cdl@re must be adapted to the
detailed VAD types. Previously VAD controller desgghave been implemented for the
two traditional VAD types: impeller pumps (Chet al. 2001, Giridharan and Skliar

2003, Giridhararet al. 2002, Heet al. 2005, Kosakaet al. 2003, Olegaricet al. 2003,
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Waters et al. 1999) and displacement pumps (Drzewieekial. 1990, Hsu 2004,
Kitamura 1990, Kluteet al. 1992). The advantages and disadvantages of théypes
of VADs, and correspondingly that of the non-pulsatind pulsatile flows they
produced, are still a matter of discussion (Seittal. 2002, Undar 2004). In recent
years several new kinds of pulsatile VADs have beeposed for in-parallel or in-
series connection with the diseased ventricle, sisckhe artificial vasculature device
(Giridharanet al. 2004) and the reciprocating-valve VAD (Korakiasiind Grandia
2003, Larsoret al. 1999, Shi and Korakianitis 2006). In the in-pabtonnection, the
VAD is connected parallel with the native diseasedtricle, so that the VAD flow
output and the native ventricular flow output condal to produce the total cardiac
output; while in the in-series connection, the VAP connected in-series with the
native diseased ventricle thus the same amourbotilflows past the ventricle and the
VAD. Previous numerical simulation studies (Shi a@fdrakianitis 2006, Shet al.
2007) show that the reciprocating-valve VAD canduee superior hemodynamic
support to the diseased heart with minimised pawesumption, and has the potential
to produce better physiological response, withtredsy simple system structure in
comparison to the two traditional types of VADs.tAe same time, the in-series VAD
connection has two important advantages over theallph VAD connection
configuration: it minimizes the damage to the cardinuscle due to the unique VAD
installation position; also it avoids the problefrstasis development and commissural
fusion in the aortic valve (St al. 2007). The in-series connected reciprocating-valve
VAD has great potential in the VAD development.

This chapter is a pilot study on the control of theseries connected reciprocating-
valve VAD, in the hope of producing adapted VAD isisgice action to suit the
changing patient needs in different physiologicatditions. In the previous numerical
study of the fundamental cardiovascular systemaresp (Shi and Korakianitis 2006,
Shi et al. 2007) the VAD stroke was fixed at a prescribedugab maintain the basic
cardiovascular perfusion requirement, and no VADtewler was included to address
the physiological changes. The current researaisw contribution which studies the
corresponding cardiovascular system response umekat failure conditions when a
VAD controller adjusts the VAD stroke according tihanges in physiological
conditions. As a first instance in controller desfgr the reciprocating-valve VAD, the
classical PID controller is adopted due to its prownerit in control performance and
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ease of implementation. Based on the system caatign, the VAD assisted aortic
pressure is chosen as a concise feedback sign@hiorfeedback control in the current
chapter. The formulated VAD control system is thested with the physiological

transitions between normal resting and mild exercanditions.

4.2 Materials and Methods

The numerical model comprises three parts: thevaatardiovascular system; the
reciprocating-valve VAD; and the PID VAD controlldfigure 4-1 (a) illustrates the
hydraulic configuration of the system, and Figuré &) shows the block diagram of

the VAD control system.

4.2.1 Model of the Native Cardiovascular System

A detailed model for the native cardiovascular eysthas been introduced in the
previous chapter. The system is modelled in thresnnparts: heart; systemic
circulation loop; and pulmonary circulation loophel heart is modelled as a four
chamber pump with variable elastance and four hedves that control the blood flow
direction. The systemic and pulmonary circulatioods are each separated into aortic
sinus/pulmonary artery sinus, artery, arteriolgiltaay and vein segments. In every
segment the individual component is modelled bys@®ring the local resistance to
blood flow, elasticity of blood vessels, and ineraf blood. The combined effect of
venule, vein and vena cava is modelled as the segment. The artery segment
represents the general characteristics of the ,aitrtamain and smaller arteries. The
aortic sinus describes the general feature of blessel around the aortic root. The
heart valve dynamic operation has also been spaliyfimodelled by considering the
various factors of pressure difference, frictiof@ice, vortex effect etc. acted on the
valve leaflets, which helps to give a more accudascription of the cardiac response.
In the native cardiovascular model the neuro-rdguia effect, including the
sympathetic and parasympathetic nervous actionsthen heart rate change and

variations in unstressed venous volume, are neglect
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(b) Block diagram of the VAD control system

Figure 4-1 System configuration
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Figure 4-2 Schematic of the reciprocating valve pump type VAD
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(b) Velocity profiles of the LVAD
Figure 4-3 Pumping action profiles of the LVAD

4.2.2 Model of Pulsatile VAD pumping action and motion

Traditional pulsatile VADs such as the intra-aorballoon pump and in-parallel
installations of impeller pumps and displacemennps have been applied in clinical
practice for many years, and numerous analysis baes carried out to study their
performance. The model in this chapter concentratesthe in-series action of
reciprocating-valve pulsatile-type VADs. These davvarious different
implementations, as illustrated in (Korakianitisla@randia 2003, Larsoet al. 1999).
Generally the reciprocating-valve VAD is conneciréeries to the native diseased
ventricle, and it is used to replace a segmenhefascending aorta. Figure 4-2 shows
the schematic of the reciprocating-valve VAD insgres configuration. In this design
any type of prosthetic heart valve (mono-leafletjebflet, PTFE membrane, bio-
prosthetic etc.) is mounted on an annular magmet,itais moved along the length of
the VAD in response to the reciprocating motiorlef driving magnet. The prosthetic
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valve is closed and acts as a piston pump in oeettbn of motion along the length of
the VAD, while it opens to let flow through the valin the reverse direction of
motion. The flow through the prosthetic valve ie MAD can be modelled by:

dx
A\/ad ’ a + CQvad ’ AR/ad Y} Psas - Psat Psas = Psat
Qvad = (4-1)

dx
A\/ad ’ a + CQvad ’ AR/ad Y} Psat - Psas Psas < Psat

When the VAD motion is properly designed, flow etVAD chamber is continuous,

so thatQ,,, = Q.,s- The motion of the pumping action is specifiedthy VAD control

algorithm. Various VAD motion profiles have beemdied in (Shi and Korakianitis
2006). It was found that a revised sinusoidal wslvaped profile with skewed rising
edge using Hermitian interpolation produces thenmgdt hemodynamic response. For
simplicity a sinusoidal wave profile consistingtefo segments of sine wave, as shown

in Figure 4-3, is applied in the current research:

X .
Rag 1 gt O<t<Tye
X(t) — 2 Ttwe (4-2)
(=T
—;‘d -£1+ cosZ - Twe) ( “’VE)) Te<t<T
~ liwe

In the motion profile, the VAD strok&,, can be adjusted on a beat-to-beat basis to

accommodate the physiological changes in the cead@ular system.

4.2.3 Physiological Controller Design

Several factors affect the hemodynamic action efrétiprocating-valve VAD on the
cardiovascular system: VAD stroke; VAD motion freqay; and VAD motion profile
(including timing of VAD motion versus the nativeentricular contraction). As
concurrent regulation of all these factors will saucoupled effects to the control
system, which easily induce stability and accuracgblems, a better and more
practical approach is adopted in this study. TheDVi&otion is synchronized to the
native heart rate, thus reachind. 4 ratio of motion pattern between the VAD motion
and the native heart beating, which is the mostiefft way for VAD functioning. The
VAD motion profile is specified as the sinusoidahwe as discussed in the previous
section. The VAD stroke is specifically controlledthis study. With VAD frequency
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and motion profile being optimized as above, thetdled VAD stroke variation

causes the least impact to system stability andracg.

In analysing the motion dynamics of the reciprauptvalve VAD, the time constants
of the VAD electrical and mechanical parts are gsvanuch smaller than those of the
hydraulic parts, which means that the electrical em@chanical parts can be considered
as having ideal motion response in the VAD motiardelling. Thus in analysing the
fluid-dynamic interaction between the in-series retted reciprocating-valve VAD
and the native cardiovascular system, it is assuthadthe VAD stroke in the heart
cycle is proportional to the command voltage siga@plied by the controller to the

VAD motion driving mechanismX,, = K, - u(t)).

Previously various physiological indicators haveerbeproposed as the controlled
variable in VAD control. Among them some (such aard@ac output, left
atrial/ventricular pressure, arterial pressuresguee difference across the VAD, VAD
pump flow and VAD pump rpm) can be easily measwsithg transducers, whereas
others (including the peripheral vascular resistanbeart oxygen consumption,
pulsatility gradient, and venous oxygen saturatam® much more difficult to measure
due to the absence of suitable transducers oraimplex algorithms concerned. A well
designed VAD control system should achieve an agdtisystem performance within
the constraint of hardware capabilities. For thepr@cating-valve VAD, this study
aims to construct a VAD control system with maxiipareduced hardware
configuration. Based on the characteristics ofMA® motion, in the first instance the
VAD assisted aortic pressure is chosen as the &ddbignal in forming the control
loop. Such choice of the feedback physiologicalemdequires only one pressure
sensor to be equipped at the outlet of the VAD, taedminimised VAD control system
design is sufficient for the current conceptuallgsia of the VAD motion dynamics. It
is possible for more complex system hardware cardigons to be adopted in the

future to meet more advanced control performangairements.

In view of the various control schemes availabtes tlassical PID control is adopted
due to its excellence in producing satisfactory tays response and easy
implementation. Specifically the incremental PIDplementation is chosen because it
does not need to save all the historical data dutive algorithm calculation, thus
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resulting in reduced memory requirement. For tleeeimental implementation of PID

control, there are:
U9 = K, e+ K, - Y e + K, [ -ek-p] @I

uk-) =K, -ek-1)+K; -Iie(i)Jr K,-[e(k-1) —ek-2)] (4-4)
so:

Au(k) = u(k) —u(k —1)
=Ky -[e()—e(k-D]+K; e(k) (4-5)
+Kyq -[e(k) - 2e(k-1) + e(k - 2)]
= (K, +K, +K,)ek) - (K, +2K, Je(k—1) + K, e(k - 2)

Thus the VAD stroke in every heart cycle is decitgd
X,aa(K) = K, - [u(k =) + Au(k)] (4-6)

The error signak(k) is the deviation of the realistic VAD assistedt@opressure from

the expected value:
6(k) = Py — P (K) @D

where P, (k) is the mean value of the aortic pressure in tlaetheyclek :

= 1kt (4-8)
Psat(k) = ? ..;k—l)T Psatdt
08
= 06}
E
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Figure 4-4 Change of arterial resistance in a simulated exercise condition

(Following previous researchers, transition between rest condition and exercise condition is
represented by the change of the arteriole resistance, with exercise condition has half of the

resistance value compared to the rest condition.)
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4.2.4 Test Case of VAD Control

In physiological condition the various physiolodicariables including peripheral
arteriole resistance, venous unstressed volumest mate etc. change under the
regulation of the sympathetic and parasympathetigaus. Previous researchers have
developed mathematical models to describe suchiglbggal changes in the healthy
human subjects (Ursino 1998). However, it shoulchdted that in patients with heart
failure, the baro-receptors have been subjectedlioormally high artery/venous
pressures for a long time during the disease dpuant, thus the sensitivity and the
threshold values for the triggering of the baroepors have greatly deviated from
those in the healthy condition. Such deviationsehappreciably changed the response
characteristics of the neuro-regulation mechanisideu the pressure disturbances.
Related research in this area is rare. Since dindeinsion of the previously developed
neuro-regulation model such as (Ursino 1998) toecahe heart failure condition
would induce unpredictable modelling errors, resleans (Choet al. 2001, Giridharan
and Skliar 2003) mostly chose to neglect the changethe heart rate and venous
unstressed volume, and directly prescribed the gwhaof the peripheral arteriole
resistance as the output of the neuro-regulatiooham@sm in the modelling of the
diseased cardiovascular dynamics during exerciseliton. This is not an ideal
modelling, but it gives a partial description ofetmeuro-regulation effect in the
analysis, and it is effective in the preliminarydies.

This simplified method is followed in the currentudy, and in modelling the
physiological transition between the normal res@ang exercise conditions for the test
of VAD control performance, this study mainly cadesis the systemic arterioleR(,)

as the cardiovascular effector of the neuro-reguiatnechanism. The pre-defined
change of the systemic arteriole resistance isieppd determine the contribution of
VAD control on the cardiovascular responses. Asrdirpinary test of the VAD
controller performance, a segmented slope changeeiipheral arteriole resistance

R, as illustrated in Figure 4-4 is specified to irigeste the cardiovascular response

under the VAD control action:
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056, 0<t<30
028-[2- 01t - 30), 30<t<40

R, =1 028, 40<t <60 (4-9)
028-[L+ 04t - 60), 60<t<70
056, 70<t <100

where R, = 056mmHg s/ml corresponds to the arteriole resistance in thenabr

resting condition. In equation (4-9) it is assuntbat in exercise condition the
peripheral arteriole resistance reduces to halthef value for the normal resting
condition, and the transition between normal rgstamd exercise conditions takes
about10s, which are reasonable approximations to the malctchanges in the
physiological conditions (Guyton 2006).

4.2.5 System Parameters

Table 4-1. VAD motion control parameters

Parameter | Value Unit
K, 0.25 | V/mmHg
K. 0.025 | V/(mmHg-s)
Kq 0.005 | V-s/mmHg
K, 0.02 | myVv

P 95.0 mmHg

T 1.0 S

T 022 | s

Toe 042 | s

Tonn 0.2 s

A 0.0008| m?

Xad 0.126

Values for the hemodynamic variables in the nateliovascular model are the same
as those used in (Shi and Korakianitis 2006). Bigasng values to the VAD motion,

the sectional area of the cylinder is decided basethe human aortic geometry and
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the VAD design. Based on this piston head areatypeal piston displacement is
selected to produce the normal stroke volume. er doefficients for the VAD
dynamics, first the range of cardiac output withd amithout VAD support under
normal, weakened and possible exercise conditiores identified, based on
physiological text books (Guyton 2006) and clinicedults (Elstaet al. 2002, Potapov
et al. 2000, Simoret al. 2005). Then the coefficients for the equationscdbmg the
VAD dynamics are varied over a reasonable rangerdaduce the compatible cardiac
output changes in the different situations. Theapeaters for the PID controller in the
VAD are decided by numerical experiments to find tptimized values that produce
the desired cardiovascular response. The heardoerichosen to be 1 second in the
simulations (60 beats per minute) to facilitatespreation and comparison of results.
Other parameters such as the beginning and enadstgnices of the T wave in the ECG
signal, the time step of simulation etc., were elmobased on general knowledge in
physiological textbooks (Guyton 2006) and the satiah requirements. Table 4-1

shows values for these parameters.

4.2.6 Simulation Procedure

Based on the mathematical models described aboygpgram is developed in C
language to simulate the cardiovascular dynamiceuwarious healthy, diseased, and

VAD supported conditions.

First the physiological variation in the periphevaksel resistance is neglected and the
VAD controller is exclude from the system modeé (i.equations (4-5), (4-6) and (4-9)
are disabled), and the cardiac response for thithlgezondition, for the heart failure
conditions without VAD support, and for the heaitdre conditions with VAD support
but without VAD control are investigated. In simiitg the native cardiovascular
response under healthy and heart failure conditexquyations (4-1) and (4-2) that
describe the VAD motion dynamics are also disalfiea.the healthy condition the left

ventricular peak systolic elastance is kept at meemal value of25mmHg/ml ,
whereas for the situation of left ventricular faduvithout VAD support it is reduced to
the much impaired value dd5mmHg/ml . In simulating the heart failure condition

with VAD support but without VAD control, the VADIdw and VAD motion profile
described by equations (4-1) and (4-2) are appbedctivate the reciprocating valve
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pump in the numerical model, and the VAD strokéxed at a value ofX,,, = 0.126n

to match the cardiac output requirement &ml in the simulated heart failure
condition (This VAD stroke value can be changedntatch other degrees of heart
failure condition). In all the three cases, theigiegral arterial resistance is fixed at the

normal value of056mmHg-s/ml to simulate the undisturbed circulation caodit

Next the VAD assisted cardiovascular responsesrundle exercise condition, both
with and without VAD control, are investigated. Fdns the VAD motion model
(equations (4-1) and (4-2)) is enabled, and theeslohange (equation (4-9)) as
illustrated in Figure 4-4 is introduced in the p&eral arteriole resistance to mimic the
neuro-regulated vessel change under the exercisditiom. For the situation of VAD

support without VAD control, the VAD stroke is $filxed at X, = 0.126m as above.

In simulating the automatic VAD adjustment to acoomdate the physiological
changes in the patient, the algorithm presentedceqonations (4-5) and (4-6) is
implemented to form a feedback loop and regulaee WAD stroke based on the
difference between the expected and the realistiamaortic pressures in the systemic

loop.

4.3 Results

The simulation is carried out as described abowd, the corresponding results are
presented as following. In the simulations witha(AD controller regulation and

changes in peripheral arterial resistance, theeaysiften reaches periodic solution
after 10 to 15 heart cycles of calculation. Thevasged solution in the period from the
36th to 37th seconds is chosen in every simulatsg dor comparison of results in
these cases. For reference the ECG signal is simawme of the figures, to facilitate
comparison and illustration of the timing in therdiac cycle. Some characteristic
variables, such as the VAD stroke, cardiac outpud arterial pressure, are also
compared for situations with and without VAD cormtro illustrate the VAD control

effect on the cardiovascular response.
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4.3.1 Cardiovascular Response without VAD Control and Physiological

Disturbance

First the cardiovascular response under healthydasehsed conditions with/without
VAD Support and neglecting the VAD controller andypiological disturbance is
simulated. Figure 4-5 (a) to (c) illustrate the regponding pressure, flow rate and
volume changes in the systemic loop in the threeulsited conditions of healthy,
diseased without VAD support, and diseased with Va&lpport but without VAD

control.
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(b) Heart failure condition without VAD support
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(c) Heart failure condition with VAD support, no \DAstroke control
Figure 4-5 System response of cardiovascular model with and without VAD support
Figure 4-5 (a) shows the simulated cardiovascukspaonse under the healthy
condition. The simulation results agree well withet typical drawings for

cardiovascular response shown in textbooks su¢Gagton 2006). The left ventricular

pressure is in the range 6f~120mmHgand the aortic pressure changes between
80~120mmHg. Periodic peak flows exist in the mitral andt@oflows, which with

forward and regurgitant flows reach an average {late of aboutl/min. The left
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ventricular volume change is approximately frd&s®ml to 130ml, with a stroke

volume of80mland ejected volume ofOml.

Figure 4-5 (b) illustrates the results for the péthical condition of left ventricular
failure without VAD support. Generally the computegardiovascular response in the
LV failure condition follows the same trend as tlvatthe healthy condition, but the
values for the physiological variables change dyeainder the LV failure condition,

the aortic pressure is reduced to the rangd6f 68mmHgand the peak systolic left
ventricular pressure is reduced from the normale@f120mmHg to the current value
of 68mmHg. This greatly impaired perfusion condition wabversely affect the

function of important organs in the cerebral, reaatl hepatic sub-systems. The left

atrial pressure is elevated to ab&dtnmHg, almost increasefi0% from the normal
value of abou®mmHg. The peak flow rates across the mitral and amdives are

reduced to aboud0% of the normal healthy values. In the volume resgoithere are
prominent changes to chamber volumes in the h&he.left ventricular volume varies
between139nl and 192nl, greatly elevated from the normal healthy range of
50~130mland with a corresponding decrease in the differdrateeen the minimum
and maximum volumes. The left atrial volume is dtsreased, from the normal range
of 40~68mlto the current range d57~87ml. These changes suggest that the
ventricular volume difference has been reduced fthexnormal8Omlto the current
value of53nl, with corresponding decrease in cardiac outpuilewdt the same time

prominent left heart dilation has developed.

Figure 4-5 (c) shows the corresponding results Vh failure condition with VAD

support but without VAD control. Comparing Figuré4c) with (a) and (b) illustrates
that VAD assistance greatly improves the cardiaoction, and compensates the
impaired cardiovascular response to almost matchiveg in the normal healthy
condition. As shown in Figure 4-5 (c), the systeraiterial pressure under VAD

support returns to the normal range 8¥~120mmHg, and the pressure in the left
atrium drops back to the normal value of ab8oimHg. The greatly dilated left heart

chambers in the LV failure situation are satisfattaemedied, and the compensated
volume responses in the VAD assistance conditiasaeably match the chamber
volume in the normal healthy condition of Figure54¢a). Besides successful

compensation of pressure and volume response deduabove, other aspects of
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pressure, flow rate, and volume response almoslicaig the native response in the

healthy condition.
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Figure 4-6 Cardiac response under arterial resistance change and without VAD control

(Without VAD control, the arterial pressure cannot be maintained in the physiological range

during transition between rest and exercise conditions.)
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Figure 4-7 Cardiac response under arterial resistance change and with VAD control

(With VAD control, the arterial pressure is effectively maintained in the physiological range
during transition between rest and exercise conditions.)
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Figure 4-8 Comparison of VAD mean variables

(VAD control helps to maintain the arterial pressure in the physiological range, and at the same
time produces increased cardiac output to suit the extra metabolic requirements in the exercise

condition.)

4.3.2 Cardiovascular Response under VAD Control and Physiological

Disturbance

Figure 4-6 shows the cardiac response under thelatied exercise condition without
control in the VAD, and Figure 4-7 illustrates thardiac response under the same
exercise condition while the VAD control is actigdt Figure 4-8 further compares the
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changes of VAD stroke, mean aortic pressure, aedctirdiac output under the two
situations of with and without VAD control.

Comparison of Figure 4-6 and Figure 4-7 shows thaing the beginning normal
resting period {<30s) the cardiac response of left atrial pressure, \ehtricular
pressure, aortic pressure, and the left ventricul@lume all maintain the stable
changes. During the transition period of 30~40s and the exercise period of
t =40~ 60s, the arteriole resistance is reduced fr&y = 056mmHg s/ml to half

of that value. In the situation with VAD supporttmo VAD control, the left atrial and
left ventricular pressures and the left ventricalume are relatively stable. The aortic
pressure drops from the normal range of ab&®~120mmHg to about
60~100mmHg. For the same period in the situation with VA@nhtrol, the left atrial
pressure drops from the original range of abot®~104mmHg to about
52~ 88mmHg; the peak left ventricular pressure drops friw@ original value of
about 36mmHg to about20mmHg and the left ventricular volume drops from the
original range of abou#5~130ml to aboutl5~110ml. The aortic pressure is
maintained in the previous normal range. During thensition period of from
t =60~ 70s and later on for the physiological change of fromid exercise to normal
resting conditions, all the physiological variableturn to the normal ranges (those
before the exercise started).

Figure 4-8 (a) to (c) show the comparisons of VAibke, mean aortic pressure, and
cardiac output under the two situations of withanod with VAD control. The cardiac
output is defined as:

iy (4-10)
co== [, Quat

When the physiological condition changes from tleenral resting { <30s) to the
mild exercise 40s <t < 60s), in the case without VAD control the VAD strokefixed
at 0.126m, and the cardiac output is maintained at arothohl/s . The mean aortic
pressureP,, drops from the normal value of abc@mmHg to the much lower value
of about80mmHg. In the VAD control case the VAD stroke chandesn around
0.126n to around 015m, correspondingly the cardiac output is elevatedabout

93ml/s to accommodate the increased metabolic requiteméhe body. At the same
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time the VAD control maintains the aortic pressatearound the prescribed value of
98mmHg. When the physiological condition changes b&okn mild exercise to

normal resting, these physiological variables aéfarn to the normal resting range.

Comparison of the physiological responses underati®ve two simulated situations
suggest that by maintaining a constant aortic presshrough the PID feedback
control, the VAD stroke output can be automaticaltljusted to produce the required
cardiac output to suit the changing peripheral bngtie requirement in the normal
resting and exercise situations. Such ability dispensable for the new generations of
VAD in order to provide adapted physiological psiin under changing conditions.
VAD support without control lacks such a capability

4.4 Discussion

This study presents a numerical investigation @f hlaman cardiovascular dynamics
under the PID controlled VAD support with an iniesrconnected reciprocating-valve
VAD. The error signal between the expected andréladistic mean aortic pressure is
used in forming the feedback loop. Simulation ressshow that the PID controller
satisfactorily regulates the VAD stroke to accomated different perfusion
requirements under the test physiological condiiaxf normal resting and mild
exercise situations. During transition from normadting to mild exercise conditions,
the systemic arteriole resistance is reduced toth@linormal value, which produces the
tendency for mean aortic pressure to drop. In #iigation the VAD controller
automatically maintains the aortic pressure by @asmng the VAD stroke thus
producing increased cardiac output to accommodetelevated perfusion requirement
for the exercise condition. When the physiologicahdition is returned from the
exercise condition to normal resting, a reverse@ss in reducing the VAD stroke and
cardiac output is induced by the VAD controllerlldaing the corresponding change
in the systemic resistance. Using the mean aordssore as the error signal helps to
address the cardiac condition over a wide rangphgsiological conditions, thus the
feedback control mechanism adopted in this studguess that the VAD can
automatically adjust its operation according to fig/siological requirements under
various changes, such as in exercise conditionsn ather situations of emotional
changes, cardiac recovery etc. This capabilitybseat in the VADs without control.
Simulation results suggest that the reciprocatialyes VAD has the potential to be
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developed into a flexible pump to support the pdsiein response to various
physiological changes, while follow-an vitro andin vivo tests are needed to further
validate the device.

In the simulation of transition between the normesting and the mild exercise
conditions, for the case of VAD assistance with®#D control, the VAD always
maintains a constant cardiac output, thus whermpéngpheral arteriole resistance drops
or increases, the aortic pressure also drops oeases. As a result, in the exercise
condition the uncontrolled VAD not only fails toqwide the increased cardiac output
to satisfy the elevated metabolic requirement,dtsd produces a dropped mean aortic
pressure that endangers the normal perfusion tinthertant peripheral organs. As a
contrast, in the VAD assistance with VAD controy; imaintaining a constant mean
aortic pressure both of these two problems areegolVhe rationale behind this is that,
generally the arteriole resistance and the capillesistance form the major part of the
vessel resistance, thus the aortic pressure appabely equals the product of the

cardiac output and the arteriole and capillarystesice P, (k) = CO* (RSar + Rscp)).

By maintaining a constant mean aortic pressur&éen\fAD control, decreasing of the

arteriole resistance is directly mapped to the rodrdtrategy of increasing the VAD

stroke and thus increasing the cardiac output, wkatisfies the requirements for both
the constant perfusion pressure and the incredseddutput concurrently. Previous

researchers have partially used the arterial presssi physiological index in the VAD

control, whereas their purposes were to assisti¢hection of ventricular collapse (Wu

et al. 2003) or for the evaluation of coronary flow (Baaret al. 1992). (Giridhararet

al. 2002) and (Giridharan and Skliar 2003) adoptedotiessure difference between the
left ventricle and the aorta as the physiologicaleix in controlling the rotating speed
of a rotary pump type VAD, and later (Giridharanal. 2004) revised it and used the
pressure difference between the left atrium andatha as the physiological index.

Since under rotary pump type VAD support the l&fiaapressure is much smaller than
the aortic pressure and the left atrial pressuadways relatively stable, generally using
the pressure difference between the left atriumthadiorta as the physiological index
has the same rationale as using the mean aorssyeealone. Using the mean aortic
pressure as the physiological index is easier folement, and its validity has been
proved in the current study.
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VAD control not only provides adapted pressure #ma changes to suit the patient
requirements in different physiological conditiongth the adapted perfusion it also
allows the patients more freedom in having mildreise, which not only improves the
quality of the life but also induces some advantagehemodynamic changes inside the
patients. Usingn vivo measurement and computational fluid dynamics sitian,
(Taylor et al. 2002, Tayloret al. 1999) revealed that at resting condition, a regién
flow recirculation and low wall shear stress oftvelops at mid diastole along the
posterior wall of the infrarenal abdominal aortacl$ flow recirculation and low shear
stress are thought to be responsible for the katdin of vascular disease in the
infrarenal abdominal aorta. They further observiedt tunder light to mild exercise
conditions the recirculation and low shear stressezdisappears, and concluded that
exercise could promote arterial health with thenelation of adverse hemodynamic
conditions. Other studies (e.g., (Niebauer and ©€o0dR96)) also suggested that
increased shear stress under exercise conditiqos el remove the lipid molecules
from the vessel surface, increases nitric oxide pastacyclin release, and inhibits
atherosclerotic processes. In this sense VAD cbigrbeneficial to the vessel health.
However, it should be noted that increased cardigput in exercise condition under
VAD control also produces flow structure changeghe cardiovascular system and
elevates the shear stress level in the vesselthandAD, as compared to the condition
without VAD control. The flow structure changes aldvated shear stress increase the
potentials for haemolysis and thrombosis to devailopghe vessels and the VAD.
Although this can be partially addressed throughDVAesign optimisation, further
investigation on VAD haemodynamics is indispensable

The current study applies the PID control as theDV@ontrol algorithms. It is noted

that other more complex control algorithms sucloptsmal control, adaptive control

etc. have been used by researchers in VAD cortl@se more sophisticated control
algorithms were applied with the aim to improve #eeuracy through further detailed
system dynamics modelling. However, they always a®m more expensive

computational and hardware resources, and thesiociuof more complex system
dynamics models may sometimes induce the stalplibblem. The current study
stands on the safer and simpler end and choosesotimse and well-validated PID
control algorithms for the VAD control. Industriptactice has proved that PID control
is quite robust and can tolerate much of the enwrental disturbances. To have

157



greater flexibility the current PID controller cha further improved into the non-linear
intelligent PID controller when necessary, in whitie controller parameters can be
carefully adjusted online to suit more stringenygblogical changes.

The current control loop needs a pressure transdocbe equipped at the outlet to
record the pressure reading in the aorta. In regEats, sensor-less control methods are
under development (Ayreet al. 2003, Ayre et al. 2000, Funakuboet al. 2002,
Graneggeret al. 2012, Kitamuraet al. 2000, Lim et al. 2008, Ogaweet al. 2006,
Tanakaet al. 2003, Tsukiyaet al. 2001, Waterst al. 1999), in which only the VAD
internal characteristic variables such as pump amitent/voltage and pump rotating
speed etc. are sampled and used to re-construcpréssure (Ayreet al. 2000,
Funakuboet al. 2002, Kitamuraet al. 2000, Lim et al. 2008, Tanakeaet al. 2003,
Waterset al. 1999) and flow (Ayreet al. 2003, Ayreet al. 2000, Funakubet al. 2002,
Graneggeret al. 2012, Kitamuraet al. 2000, Limet al. 2008, Ogaweet al. 2006,
Tanakaet al. 2003, Tsukiyaet al. 2001, Waterst al. 1999) as feedback signals, thus
eliminating the use of physical transducers. Thipraach has the advantage of
omitting the physiological transducers that aremfinreliable in long term usage, but
at the expense of reduced physical accuracy aneé smmplex computational works,
such as online identification of the system paramsetFollowing this idea the current
research can be extended and the sensor-less isiion of the control loop can be
explored to replace the physical pressure transduttle the online estimated pressure
signal, possibly based on the build-in charactenstriable of VAD control voltage.

In a broader sense, VAD control concerns also #pees of fault diagnosis in the
VAD and detection of atrial suction/ventricular lepise etc., which are not only
controller related but also depends on the VAD artmechanism. As in most of
preliminary designs for the VAD controller, thesspacts are not included in the
current study. However, they should be carefullgssdered in the formal VAD design,

and the final VAD prototypes (comprising of botletitAD controller and the VAD

motion mechanism) need to be critically tested regjahe above mentioned abnormal

conditions.

4.5 Conclusions

This chapter investigates the VAD assisted cardiowiar dynamics under PID
feedback control through numerical simulation. Tinseries connected reciprocating-
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valve type VAD located in the ascending aorta pmsits modelled. The classical PID
control algorithm is implemented to regulate theD/Atroke on a beat-to-beat base
based on the error signal of mean aortic pressifigh the online PID feedback

control, the VAD can satisfactorily regulate itgog&e to accommodate metabolic

requirements under various physiological conditiamsluding normal resting and mild
exercise situations.
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Chapter 5 Numerical Simulation of Global Hydro-
dynamics in a Pulsatile Bioreactor for Cardiovascular

Tissue Engineering?*

Previous numerical simulations of the hydro-dynamesponse in the various
bioreactor designs were mostly concentrated onldbal flow field analysis using
computational fluid dynamics, which cannot provittee global hydro-dynamics
information to assist the bioreactor design. Irs tbhhapter a mathematical model is
developed to simulate the global hydro-dynamic gkeanin a pulsatile bioreactor
design by considering the flow resistance, thetielas of the vessel and the inertial
effect of the media fluid in different parts of thgstem. The developed model is used
to study the system dynamic response in a typiaapile bioreactor design for the
culturing of cardiovascular tissues. Simulatiosules reveal the detailed pressure and
flow-rate changes in the different positions of thereactor, which are very useful for
the evaluation of hydro-dynamic performance in thereactor designed. Typical
pressure and flow-rate changes simulated agreewiéllthe published experimental
data, thus validates the mathematical model deeélofphe proposed mathematical
model can be used for design optimization of ofhelsatile bioreactors that work
under different experimental conditions and ha¥ieint system configurations.

5.1 Introduction

Design and construction of bioreactors are veryoirtgnt in tissue engineering
research, because they directly providedkerivoenvironment for tissue regeneration.
For this purpose various types of bioreactors hbgen designed to address the
different tissue culturing requirements in previigdies. For the culturing of certain
types of tissues such as the cardiovascular tispuegious research has proved tinat
vitro environment of pulsatile pressure and shear stassorominently improve the

tissue formation and organization, and increasentbehanical strength of the tissue

1. 4 Adapted from:shi Y., Numerical Simulation of Global Hydro-dynamics in a Pulsatile

Bioreactor for Cardiovascular Tissue Engineering, Journal of Biomechanics, 41(3), pp953-959,
2008
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cultured (Hoerstrupet al. 2001). Thus design of pulsatile bioreactors be®me
important task in providing the necessary condifmmsuch tissue engineering studies.

In designing bioreactors of various configurationsmerical simulation can play an
important role in predicting firstly the global dymic response in the different parts of
the bioreactors, and secondly the local hydro-dyoatmanges in certain specific areas
in the bioreactors such as around the tissue eamtstrSuch numerical simulation helps
the designer to evaluate the performance of theedaior system design before the
prototype bioreactor is constructed, thus greadlyilifates the design optimization,
saves the design expense as well as speeds uedsia grocess. In previous bioreactor
research, numerous numerical simulations have lbaered out to study the local
media flow features around the tissue construciagushe computational fluid
dynamics (CFD) method (Davidsat al. 2003, Dubeyet al. 2006, Singhet al. 2007,
Williams et al. 2002, Zenget al. 2006). These CFD studies revealed the detailed
pressure, velocity and shear stress distributionghé tissue culturing chambers of
various bioreactor designs, which is very useful thie design optimization of the
bioreactor internal geometric configurations. Hoemvwithout the complimentary
study of global hydro-dynamics analysis, such Io€&D study in bioreactors is
incomplete——a bioreactor design will not be accepted if itsaloflow field is
optimized but the global hydro-dynamics does noétnthe experiment requirements.
Also without the global hydro-dynamics study to wde the accurate boundary
conditions, in the local CFD calculations the dasimgwould have to set the boundary
conditions either based on his/her personal esomgior by searching the literatures
for published data in previous similar bioreactasigns. For the simple bioreactor
designs and when the media flow is steady, sethegooundary conditions based on
estimation or previous data may introduce only tiai errors; when the system
configuration is complex or the media flow is umstg relying on estimation or
previous data may introduce unexpected errors aod produce totally artificial
results. Thus the global hydro-dynamic study is emyvimportant and necessary
procedure in the design optimization of bioreactélswever, in the open literature no
research has been done to study the global hydnardig response in the bioreactors

yet.

To fill this gap the current study proposes a matdtgcal model to analyse the global
hydro-dynamic response in a typical pulsatile aoter design. The individual parts of
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the bioreactor are modelled by considering the llooadia flow resistance, the
elasticity of the vessel and the inertial effectiod media fluid. The different parts are
then combined together to form the system mode¢ déveloped model is used to
investigate the pressure and flow-rate changesendifferent segments of a typical
pulsatile bioreactor design, and satisfactory sgstesponse is obtained. The model can
also be adapted to study the hydro-dynamic chaisiits of broader ranges of
pulsatile bioreactor designs that work under défeéroperating conditions and have

different system configurations.
5.2 Methods

5.2.1 Basic configuration of the pulsatile bioreactor

One-way
Valve Media
) Reservoir
Upper Media
Fluid Chamber
Tissue
EIE Construct
Lower Media
Fluid Chamber One-way
sy _g\r‘alve

Silicon Diaphragm
Pneumatic
Air Chamber Pump

Figure 5-1 Schematics of the pulsatile bioreactor.

A typical pulsatile bioreactor design like thosepirevious studies (Naritat al. 2004,
Sodianet al. 2002, Sodiaret al. 2001) is adopted in this research. The bioreduhsr
two media flow chambers: a lower chamber and areuppamber. The two chambers
are connected by a constricted channel which isxddr by the tissue construct. The
detailed geometries for the two media chambers téwedtissue construct can be
optimized using CFD method in the follow-on studiedile in the current research
they are assumed to have simple geometries andlmlyorresponding hydro-dynamic
effects are considered, as discussed in the fallgveections. The lower and upper
media chambers are connected to the media resehroingh an inlet valve and an
outlet valve to keep the one-way flow directionlic®n tubing is used for connecting
the system parts together as well as to absorbmé@hanical vibrations induced by
fluid flow. To produce the pulsatile pressure ahdas stress environment around the
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tissue construct, an air chamber is equipped abolttem of the lower media chamber
in the bioreactor. A flexible silicon diaphragm aegtes the air chamber from the lower
chamber of the bioreactor. The air chamber is cotedeto a pneumatic pump which
produces varying pressure in the air chamber. Driwg the varying air pressure, the
diaphragm moves up and down to produce the pus#tiv into the lower media
chamber. Figure 5-1 shows the schematics of treapla@ bioreactor design.

Pa Qci Pei ch Pct Qct Pcu ch Pco Qco Pa
'|>= ~N—— 1 1 M~ ,1>I
Dci J Lei  Rcl Rect J Lcu Rcu l Dco
Cct Ccu Cco

S A

Figure 5-2 Equivalent circuit description of the hydro-dynamic characteristics for the pulsatile
bioreactor

(Refer to the nomenclature table in the front pages for detailed name of each component.)

5.2.2 Numerical model of the pulsatile bioreactor

In modelling the global hydro-dynamics of the ptilsabioreactor design, the concept
of hydraulic-electric analogue is used in which thetional loss, the elasticity of the

vessel and the inertia of the fluid in the vess®l eompared to the resistance R,
capacitance C and inductance L in the electricugirgvhile the pressure and flow-rate
in the fluid flow are compared to the voltage am@ telectric current. The well-

developed technique for analysing the electricudiscis then used to investigate the
pressure and flow-rate changes in the differentnsegs of the bioreactor. For different
segments of the system, different combinations pfCRand L effect are used to
describe the local dynamic characteristics, depgndn the local flow features. Figure
5-2 shows the equivalent circuit description of pdsatile bioreactor design illustrated

in Figure 5-1.

5.2.2.1Lower and upper media flow chambers

In the lower media flow chamber, the frictional dosomes from the secondary
circulation flow accompanying the changing of tkewf direction from the inlet valve

to the tissue construct, the uneven driving acfiiom the silicon diaphragm, and the
restriction of flow through the tissue constructtba top of the lower media chamber.
Vessel elasticity presents due to the deformatibrhe silicon diaphragm and the

164



silicon tubing that connecting the inlet one-wayveao the media chamber. The mass
media fluid flows under pulsatile flow conditionhelits prominent inertial effect. To
model these effects the full RCL combination is @eéd. In the lower media chamber
both the in-flow through the one-way inlet valvedahe driving flow due to diaphragm
motion contribute to the flow dynamics. Thus thegsure change in the lower media
chambers follows the relation:

dR, _ Qe Qs ~Qq (5-1)

and the flow-rate change is governed by:

dch _ F’cl ~ Pct —PY- hcI ~ R':I 'ch (5_2)

dt Ly

where pg-h,, is the pressure difference due to height of teefomedia chamber.

Similarly in the upper media flow chamber there are

chu — Qe = Quy (5-3)
dt Ce,
and:
dch — Pcu — Pco - P9 hcu — Rcu ) ch (5_4)
dt L

Cu

where pg-h,, considers the height effect of the upper mediantiea.

5.2.2.2Tissue construct

Tissue construct is the main focus of the biochamstudy in the tissue culturing

research. While from the hydro-dynamic sense, igsi¢ construct is an elastic tube
and also serves as a restricting flow channelernbibreactor. Due to the restricted flow
area the resistance effect R in the tissue consigsunore prominent than that in the
lower and upper media chambers. The capacitaneetédfcomes from the elasticity of
both the silicon seat of the scaffold and the sddfitself. The fluid mass in the central
channel of the tissue construct is minor compargk that in other parts of the system,

thus the inertial effect L is neglected. The presslange in the tissue construct is:

% ch _Qct (5_5)

dt  Cg

and the flow-rate change is governed by:
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Pct — Pcu (5-6)
Ret

Qut =

5.2.2.3Inlet and outlet valves

The inlet and outlet valves are modelled as owsfieeth varying openings, plus the
elasticity of the silicon tubing that connects Hadves. For the inlet valve, the elasticity
of the silicon tubing has the same contributionthie fluid dynamics as that of the
silicon diaphragm, thus it has been lumped intogdngeral capacitance effect, in the
lower media chamber. For the outlet valve, thetieig of the tubing affects the flow
upstream to the valve and the influence is consitiby:

cho _ ch _Qco (5_7)
dt Ceo

In modelling the orifice flow feature in the inlealve, the flow-rate is described by:

P,-p9-hs —P,
Qi =CQq - 7¢ - e

5-8
B \/|Pa_pg'hs_PcI| ( )

where h, is the height of the air chamber apgl-h, considers the height difference

between the inlet valve position and the bottorthefmedia reservoir.

The valve opening, can be modelled by considering the detailed vah@tion
dynamics under various factors such as pressuferetice and friction in the valve.
For simplicity the current research models the eadg an ideal one without inertial
effect and flow regurgitation, and there is:

e 1 P,-pg-h >P, (5.9)
0 P,—pg-h, <P,

Similarly for the outlet valve, there are:

Pco - [Pa -9 (hcl + hcu + hs)]

Qeo =CQc0 7o
\/|Pco _[Pa -9 '(hcl +hcu + hs)]

(5-10)

and

] :{ 1 Py2[P,-pg-(hy +he +h)] (5-11)
co 0 P < [Pa - P9 '(hcl +he, + hs)]
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5.2.2.4Air chamber

The air chamber is inflated and deflated by a praimpump, which can be
programmed to produce prescribed air pressure elsanihe air pressure acts on the
silicon diaphragm and drives the diaphragm motwmgch then propels the fluid in the
lower media chamber and produces the pulsatile iiotlie bioreactor. According to its
hydro-dynamic contribution, the air chamber camimlelled as a pressure modulated

flow source.
In modelling the air chamber dynamics, for thetfinstance a sinusoidal air pressure
change is assumed in the air chamber:

P, =P,o+P,, -sin@ (5-12)

The silicon diaphragm is considered as an elaghber film. The diaphragm motion is
governed by the force equilibrium under variouse&® including the pressure
difference across the diaphragm, the elastic fotbe, frictional force and the
acceleration related force:

m -O|—2|+kf A =(Ps—Py)-A (5-13)
S dtz dt e S C

The flow output from the air chamber is then cadted as:
dl
A= 5-14
Qs =A at (5-14)

5.2.3 Boundary conditions

Both the inlet and the outlet of the bioreactor es@nected to the media reservoir,
whose effect can be modelled as a constant pressuree:

P, =Pam+ 9" ha (5-15)

where P,,,is the atmospheric pressure amdis the height of media column in the

media reservoir. The bottom of the bioreactor dmsdkiottom of the media reservoir are
in the same horizontal level, thus with referenrzéhis common horizontal level, the

silicon diaphragm and inlet valve have a heightgfthe tissue construet, +h,, and

the outlet valveh,, +h, +h.
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Table 5-1 Parameter settings for the bioreactor

Part Parameter | Value Unit
Ry 0.05 mmHg s/ml
_ Ceu 0.02 ml/mmHg
Upper media chamber 5
L, 3.2e-4 | mmHg s?/ml
Pey 0.05 m
. Rat 0.25 mmHg- s/ml
Tissue construct
Cq 0.005 ml/mmHg
Ry 0.035 mmHg s/ml
_ Cq 0.05 ml/mmHg
Lower media chamber 5
L, 5.2e-4 | mmHg s?/ml
hcl 0.1 m
m 6.8e-3 | kg
" dianh A 1.13e-2 | m?
Silicon diaphragm K, 25, mmHc-m-s
Ke 1.5e4 | mmHc-m
h 0.02 m
Air chamber Pso 0. mmHc
Pa 100. mmH¢
CQq 250. ml/( s- mmHg>®
Inlet valve /( g )
Ca 0.015 | ml/mmHg
C 250. ml/{ s-mmHg*®
Outlet valve o /( g )
Ceo 0.015 ml/mmHg
Paim 0. mmHc
Media reservoir h, 0.1 m
P 1.e3 kg/m®

120 F

P(mmHg)

.3_"‘..‘33

55|“|36‘

t(s)

Figure 5-3 Driving pressure in the air chamber
5.2.4 Parameter settings
In assigning values to the system parameters &déveloped mathematical model, the

bioreactor system configuration is compared with disigns of systemic flow test rigs
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for cardiovascular research (Sharp and Dharmaling@&®, Shiet al. 2004) and the
numerical models for the human cardiovascular sysf8hi and Korakianitis 2006,
Ursino 1999) in the open literature. Parameterstiiervariables including resistance,
capacitance and inductance for the lower and uppstia chambers are scaled from
these published data, while the values for the ftmefficients of the inlet and outlet
valves are estimated by referring to the publisdath and considering the valve
configurations and the diameters of the flow ché&in€alues for the height related
variables includingn,, h,, h, and h,are decided by the geometry of the current
bioreactor design. For the silicon diaphragm, theads calculated from the system
geometry; the mass is calculated based on the thiekness and estimated density of
the silicon film; while the frictional coefficiens estimated by considering the realistic
diaphragm motions. The amplitude of the pressuriat@an in the air chamber is set at
100 mmHc, as illustrated in Figure 5-3, so that the gengyatem response produced in
the bioreactor represents the typical physiologecaidition for the arterial vessels. The
air chamber pressure can also be manipulated twidperodifferent experimental
conditions for different tissue culturing requirentee Table 5-1 illustrates the

parameter settings in the simulation.

120

P(mmHg)

t(s)

(a) Pressure
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Figure 5-4 Simulated pressure and flow-rate changes generated in the tissue construct position
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Figure 5-5 Simulated motion profile of the silicon diaphragm
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Figure 5-6 Comparison of pressure and flow-rate changes in different positions of the system
5.3 Results and Discussion

Based on the mathematical model described abovetldparameter settings, a
computer program is developed in C language to lat@uhe hydro-dynamic changes
in the pulsatile bioreactor design. The equatiaessalved using the classical Runge-
Kutta method. For ease of comparison the periodhiennput air pressure is chosen as
1s. The calculation converges to the periodic sotutadter about ten cycles. The
typical converged results of the system dynamiespaesented in the following figures.
Figure 5-4 (a) and (b) illustrate the typical pressand flow-rate changes produced at
the tissue construct position. Figure 5-5 (a) djdshow the displacement and velocity
changes for the silicon diaphragm in an experimecyale. Figure 5-6 (a) and (b)
compare the pressure and flow-rate changes atealitféocations of the bioreactor in an

experimental cycle.
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From Figure 5-4 it is observed that the pressuceflanv-rate changes produced at the
tissue construct position lies in the normal phiggj@al range for the cardiovascular
tissues, as presented in the physiology textboo&ls as (Guyton 2006)0¢ 120 mmHc¢

for the general range of blood pressure. The @etaiblues for the pressure and the
flow-rate change with the different positions oé thissue.) . These simulated results
agree well with the waveform pattern in the experntal measurements in a similar
bioreactor design by Sodiat al(Sodianet al. 2002, Sodiaret al. 2001), but have a
broader range of pressure and flow-rate changethdrcurrent study, the simulated
bioreactor design produces a pressure change ofo mmH¢ and flow-rate change of
0~400ml/sat a cycle period of s; while in Sodianet al’s study, the bioreactor is
designed to maintain a tissue culturing conditibn-12~ 23 mmH¢ at18 s cycle period

to suit the requirements for the early stage afuesregeneration. In this sense the
current numerical simulation studies a more raaligthysiological design of the
bioreactor in cardiovascular tissue engineeringe finmerical model can be easily
adapted to simulate the dynamic response in thedotor system under other working
conditions, such as the smaller range of presshamge at slower cycle period in
Sodianet al design (Sodiaet al.2001), or for different system configurations sash
(Naritaet al.2004).

Figure 5-5 (a) and (b) present the displacement\aiocity changes of the silicon
diaphragm in an experimental cycle. It is obsemved the diaphragm oscillates with an
amplitude ofo.0065maround its neutral position in the experimentalleyevhile the

neutral position is not exactly the zero displacetmposition. Instead, the neutral
position for the diaphragm moves abawio3smtowards to air chamber direction.
Several factors contribute to such an offset. Besithe stiffness of the silicon
diaphragm, the weight of the media fluid in the évand upper media fluid chambers
and the fluid flow into the lower media fluid chaenkihrough the inlet valve also affect

the diaphragm offset value.

Figure 5-6 (a) and (b) compare the pressure anwl-rfhte changes in the different
positions of the bioreactor during an experimemdle. In Figure 5-6 (a) it is
observed that generally pressures in the lower anetiamber and in the tissue

construct position ¥, and P,) change in a half sinusoidal wave pattern under th

combined influence of the sinusoidal driving aiegsurep, and the silicon diaphragm
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action. During the increasing phase and the eaalfy df the decreasing phase mf
changing,P, and P, follow the same trend of changing Bs. Under the combined

influence of the supporting action of the silicaaghragm and the additional flow from

the inlet valve,P, and P, even exceed, during the increasing phase of the driving
pressure. The peak valuesmf and P, are mainly influenced by the resistance effect
in the flow channel in the bioreactor. Bigger diaens of the flow channels correspond
to smaller resistance effect in the system, thoslyeing smaller peak pressuresryf
and P, under the same driving air pressure action,\ao€e versa In the later half of
the decreasing phase of the driving pressure chgngihenpr, falls below a certain
pressure valuep, and P, are clipped at their lower limit values and do detrease
further as ther, falling. This is because that the silicon diaplnnalgegins to play the
dominant role in such situation and stops the &rrglownward motion of the media
fluid in the lower media chamber. The lower limalwes ofpP, and P, are strongly
influenced by the elasticity of the silicon diapdma A softer silicon diaphragm allows
P, and P, to follow the P, changing further in the later half of the decregsphase
for the driving air pressure, thus produces smatdues of the lower limit pressures
for P, and P, . Pressure in the upper media chamber maintaing small value

throughout the cycle.

In the flow-rate comparison in Figure 5-6 (b) sitabserved that the flow-rate produced
by the driving air pressure shows a pattern of €icbsinusoidal wave: the positive part
is flattened to exhibit a smaller amplitude andglenduration when the air pressure
needs to balance the combined action of the sildiaphragm and the pressure in the
media chamber, while the negative part is compessashow a bigger amplitude and
shorter duration when the air pressure is allowedfall freely and the silicon

diaphragm further assist such pressure droppimyv-Fate changes in the lower media

chamber Q. ), the tissue construct Qf, ) and the outlet valveq_,) follow the positive
half of the flow-rate change, produced by the driving air pressure, while wign
becomes negativey, , Q. and Q,, maintain at zero. Flow-rate in the inlet val@g
exhibits the opposite change: whepis positive,Q, is maintained at zero; whep,

iS negative, the inlet valve opens and media fflod/is from the media reservoir into

the lower media chamber to occupy the space vadatede diaphragm motion, thus
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Q. show the same pattern of changingQadut with a different sign. The changing

patterns of the flow-rates in the bioreactor areyveimilar to that in the cardiac

chambers in human body.

Besides the above simulation results, the developstiematical model can be further
applied to study the system dynamics change whigreint values are assigned to the
system variables, such as when the air chambesyeess changed in other patterns
and magnitudes, under other stiffness of the silid@mphragm, other combinations of
frictional lose, vessel elasticity and inertiale=ff under different bioreactor geometries.
Such extension of research forms the fundamentaim@ation procedures in the
bioreactor system design. This is a future work.

The simulation results in this research agree redsly well with those published
experimental data like (Sodiagt al. 2001). This validates the current mathematical
model and suggests that the developed model camppked to predict the global
hydro-dynamic characteristics of other similar ptils bioreactor designs. When
combined with the CFD study which further revedie tvelocity and shear stress
distributions under the detailed geometry desighsis believed that numerical
simulation could play an important part in the ewdion of the hydro-dynamic
characteristics of the bioreactor design even @ glototype design stage. This will
provide a reliable and cost-effective way to asarsti improve the future bioreactor

design and analysis.

5.4 Conclusion

This research presents a mathematical model fogltiEl hydro-dynamic study of the

pulsatile bioreactor design. The developed modehén used to study the system
dynamics in a typical pulsatile bioreactor design the culturing of cardiovascular

tissues. Simulation results reveal the detailezsgure and flow-rate changes in the
different positions of the bioreactor. Typical mese and flow-rate changes in the
simulated system agree well with the published erpantal data, thus validate the

developed model. The current model has great pateatbe extended for the design
optimization of the pulsatile bioreactors.
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Chapter 6 Conclusion and Future Works

Cardiovascular system is the vital system in mamg the normal functioning of the

human body. Due to the prevalence of the cardialasaliseases in the UK society
and the world alike, research into the cardiovascphysiology and pathology is an
urgent task in the biomedical science and engingeflathematical modelling as a
mature research tool has played an important parthé cardiovascular research.
Among the mathematical models for the cardiovasaelsearch, the lumped-parameter
model predicts the pressure and flow changes ircdéingiovascular organs, which are
directly comparable to the clinical data and thas the most straightforward clinical

relevance.

6.1 Conclusions

The current thesis reports some selected studies dr series of coherent work that the
author carried out previously on the lumped-parametodelling, as detailed in the

following:

1. A comprehensive review of the lumped-parametericgagcular modelling has
been conducted, which covers the historical andcwwant models for the
individual cardiovascular organs as well as theralentegrated system.
Several non-linear effects in the modelling thate@f the cardiovascular
response are discussed. Sample parameter setingisef models and various
model applications are summarised, and future tines for lumped parameter

cardiovascular modelling are suggested.

2. An improved lumped-parameter cardiovascular modsl lbeen developed and
presented. This improved model specifically inckudiee dynamic description
of the atrial-ventricular septum and the heart @ahand thus can represent the
important response features of the auxiliary pugppaction of the atrial-
ventricular septum and the three-stage leaflet anoin heart valve dynamics

and, which are missing in previous models.

3. By integrating the VAD model into the developed diavascular model, a
numerical study of the cardiovascular response ruhdart failure condition
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supported with varying speed rotary pump type veuwtr assist device has
been conducted, using the Berlin Heart InCor pumspeaample. Results
suggests that although by modulating the pump sgeedotary pump can be
manipulated to produce physiologically meaningfittaal pressure pulse, at
the same time regurgitant flow develops in the puvhich greatly deteriorates
the pump efficiency, due to the intrinsic pump ptes-flow characteristic. A

previous study using the HeartMate Il pump hashed similar conclusion.

To further evaluate the potential of generatingsptile blood flow in rotary

pumps by periodically varying the pump speed, ihégessary to extend the
study to cover other pump products.

4. An incremental PID feedback control algorithm hasmimplemented in a new
type of reciprocating-valve type VAD, to investigathe possibility of
automatically producing tailored cardiac supporistit the needs in different
physiological conditions in the heart failure patee Results suggest that the
VAD control algorithm can satisfactorily regulateetVAD motion to suite the
transition between the rest and the mild exeraselitions.

5. The lumped-parameter modelling technique has bemmeed to the study of
system response in a pulsatile bioreactor for omedicular tissue engineering
applications. The lumped-parameter modelling tempimihas been proved to be

also useful in the design optimise of the cardioués bioreactors.

The studies reported in this thesis suggest timapéd-parameter modelling as a mature
research technique is highly effective in revealthg system level cardiovascular
response under various healthy and diseased comglitit is also an efficient research
tool in the study of interaction between the humative circulatory system and the
artificial cardiovascular organs, or for the desigptimisation of in vitro/ex vivo
experimental equipments for cardiovascular appbéoat This technique will continue
to play important roles in the future cardiovasculgnamics studies.

6.2 Limitations of lumped-parameter modelling

Like any research technique, lumped-parameter rindehlso has its deficiencies.
Due to limitations in collecting invasive data frdraman and animal subjects, in many
situations the model parameters need to be dedidsdd on the limited number of

experimental data obtainable. For such an undestcained research question, it is
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possible that multiple sets of parameter combinagtiare applicable to the model and
they all can produce matching response to thatreédeclinically, and there is no easy
way to decide which parameter set is the right iondae human/animal subject being
studied. Further to this, cardiovascular responsgligied by the lumped-parameter
model is very sensitive to the model parameterd.uBarameters chosen based on one
physiological condition, when extrapolated to aeottondition without full validation,
can produce wrong results even though the studbaut the same human/animal
subject. This uncertainty of model parameters &edsensitivity of modelling results
demand special care in the study. In drawing ingrdgriconclusions, validation and
verification are often needed in interpreting tirawation results of lumped-parameter
modelling.

Another deficiency of the lumped-parameter modgllis its limitation in simulating
some important cardiovascular features, such asepwhve propagation and shear
stress induced damage to the vessel wall and bdedld, which often need to be
studied with 1D or 3D models. Specifically, pulsawe dynamics reveals the travelling
and reflection of pressure and flow waves in theseénetwork, which helps to clarify
the connections between the various pulse wave grhena and the underlying
pathological changes in the human body, and thsisnyportant implications in clinical
diagnosis. Pulse wave analysis demands the stugyessure and flow changes along
the axial flow direction in the vessel network, ahnis best represented with 1D model
in order to achieve a balance between the accwadythe efficiency in the research.
For such applications, the lumped-parameter moitieth meeds to be integrated into the
1D or 3D model, in order to combine the advantagdsth models.

6.3 On-going works

Lumped-parameter modelling has been applied extelysin biomedical as well as
engineering research. Specifically as the extensiamork reported in this thesis, | am
working on the following modelling studies:

1. Modelling of the coronary circulation dynamics. Goary flow uses 10% of the
cardiac output to supply the blood perfusion to theart. Coronary
haemodynamics directly determines the cardiac plogy and pathology. Two
unique effects strongly influence the coronary flothe first one is the
contraction and relaxation of the cardiac musclendua heart cycle, which
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directly influences the vessel calibre and tone #mg the flow features in the
coronary vessels; the second one is the auto-teguleffect, in which the local

biochemical mechanisms regulate the calibre ofthall coronary arteries, thus
to adapt the coronary flow to cater for the vaoiasi in myocardial oxidative
metabolism. To study the coronary haemodynamicsitancontribution to the

overall circulatory dynamics, the author has bailtomplex circulatory model
including the coronary vessels, as shown in Fidgitfle This model has been
applied for the simulation of typical coronary respe, but needs further
validation against clinical patient data.
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Figure 6-1 Circulatory model with coronary loop and several important branches
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(Refer to the nomenclature table in front pages for detailed name of each component)

2.

Modelling of the cardiovascular response under iphaaeutical influence.
Pharmacotherapy plays an important role in the iodln treatment of
cardiovascular disease. Besides the cardiovascatadelling, lumped-
parameter modelling has been extended to desooivetlie drug concentration
varies in the body (called pharmaco-kinetic, or ikdelling), and how such
variations influence key physiological variablesidls as heart rate) in the
human body (pharmaco-dynamic, or PD modelling). tdflisally the
mathematical modelling of pharmaceutical and cambBoular dynamics have
been developed independent of each other. Curréntyn developing an
integrated pharmaceutical/cardiovascular model ttalys the cardiovascular
response under pharmaceutical influence, as shoviigure 6-2. Preliminary
test has produced good agreement with typicalaairdata reported in the open
literature. Currently the model is under furthefimag and to be validated
against wider ranges of pharmaceutical data. Oultg Validated, this model
can be applied in cardiovascular medicine to agddimical treatment and new

drug design.
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Figure 6-2 Schematic of the integrated cardiovascular/pharmaceutical model
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(Xc and Xp: Drug concentration in central and peripheral compartments of the human body;
PD: pharmaco-dynamic; HR: heart rate; Ev: cardiac contractility; R: vascular resistance.

Refer to the nomenclature table in front pages for the meaning of other symbols)
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Figure 6-3 Coupled 0D/3D modelling, with 0D model providing the boundary conditions for the
3D CFD study

(bca: brachiocephalic vessel; Icc: left common carotid vessel; Isb: left subclavan vessel.
Refer to the nomenclature table in front pages for the meaning of other symbols)

3. Development of lumped-parameter models as boundangitions for multi-
scale modelling works. In traditional distributedrameter models (i.e., 3D, 2D
or 1D models), the boundary conditions to the caeimonal domain are either
idealised data or obtained from clinical measuramerDue to the
environmental noise and the limitations in measemntechnique, even the
clinical measurement data often introduced muchbrarr the calculation. For

example, the distorted temporal synchronisationwbeh the upstream and
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downstream data will introduce artificial osciltats in the calculation. Chapter
2 has introduced the concurrent works on multieseabdelling, in which the

OD model is used to provide the modelled physiaalgichanges as the
boundary condition for 3D/1D calculations. Figur& 8hows one of the multi-

scale models that | am developing for the simutatibcardiovascular response
in the aortic coarctation condition. Preliminargults suggest that such multi-
scale model is very efficient in removing the ate$ in the traditional

boundary conditions.

6.4 Future works

Chapter 2 has presented an in-depth review ofggpécations of the lumped-parameter
modelling technique in the cardiovascular medicenad suggested the directions for
future effort. Specifically as the extension of woeported in this thesis, the following

are the possible directions for further breakthimug

1. Models are developed to achieve specific reseancpgses in each individual
studies, thus the complexity of the models shotilthé purposes of the studies.
An over-simplified model will produce inadequateca@cy in the study.
However, this does not mean that more complex madlélalways produce
more accurate results. For example, if the purpbsiee study is to evaluate the
short term assist action of a ventricular assistadeon the failing heart, and the
neuro-regulation effect does not need to be cormitjehen a single branch
multiple-compartment model for the systemic vastu in which the vascular
is divided into the aorta, artery, arteriole, clapyt and vein segments, is
sufficient to work as the after-load to the assidteart. It is not necessary to
model every artery and venous branches in thisatgio, since in an overly
detailed vessel branch model the parameter seb@égpmes quite difficult.
However, if the purpose of the study is to simuldéte acceleration stress in
flight training, then it is quite necessary to moithe vessel branch for the lower
extremity separately in order to include the effettblood pooling, besides
specifically coupling the neuro-regulation actionthe cardiovascular model.
There is no universally optimal model that suitergvapplication. Researchers
must decide what level of model sophistication estrsuitable in their specific
studies.
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2. Since 0D model is a high level abstraction of tiveutatory system and one
model component often represents several completoarcal structures,
proper setting of model parameters is an imporiastie to be seriously
addressed. This is still an area not sufficientiglered, with inconsistent model
parameters being adopted among different reseatckerther effort in this
direction is very necessary before a cardiovasaulaglel can be considered as
fully validated.

3. Previous studies have suggested a number of castiolar effects that need to
be specially addressed in the OD cardiovasculareftiogd, including ventricular
interaction, effect of pericardial, atrial-ventriauinteraction, auto-regulation in
some local circulation loops, auxiliary pumpingiawctto blood flow caused by
peripheral muscle contraction, venous valve in sav@gsels such as in the
lower extremity etc. Although intuitively correaintil now these effects have
undergone very limited validations, due to theicifty in isolating each of
these effects from the overall cardiovascular raspdwhich is often a coupled
interaction among the different organs) as wellthas restrictions inn vivo
measurements. In the future effort should be maddutther quantify the
relative importance of each of these effects in twerall cardiovascular
response, and to further study their underlying maesm as well as to find
proper parameter settings in their modelling.

4. The circulatory system does not work in isolatitirhas close interaction with
other systems such as the nervous system, regpirsystem, and digestive
system. Study of their coupled reactions, suchaadi@vascular response under
neuro-regulation and hormone control, coupled ocapdiimonary response,
simulation of coupled circulatory dynamics and $m@ortation of
nutrients/metabolic remaining, will bring the ODrd@vascular modelling to a
higher level, and such results will enormously ioya our quantitative
understanding of human physiology.

5. 0D cardiovascular models, especially the more cermpmnes, were often
developed for research purposes. So far only casadprascular impedance is
widely used to assist clinical diagnosis and trestimand few integrated 0D
model comprising the complete description of head vessels have seen use
in clinical practice. With the success of 0D modalsimulating cardiovascular
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dynamics under various physiological and pathollgionditions, it is time to

work with the clinical community to personalise tbB integrated models to
achieve patient-specific modelling, and this willinlg innovations to the

cardiovascular clinical practice. To minimise thiclilty in parameter setting,

models for patient-specific analysis may have redumomplexity as compared
to those for research purposes.

. With the development of computer hardware and nicaesinalysis techniques,
higher dimensional haemodynamic analysis (2D anyl Bfing computational
fluid dynamics is no longer a prohibitive task. $ho address the requirement
of high accuracy and ability to simulate the int#éiean among cardiovascular
organs concurrently, it is possible and necessamgouple the OD models and
the 1D/2D/3D models to build multi-dimensional mtsdeSome successful
applications have been produced in this directioHowever, treatment of
domain boundaries among the different dimensionadiets within an overall
framework still needs further improvement. Thisluges not only the matching
of mean pressure/flow values and their distribufiiformation on the domain
interfaces, but also the correct wave reflectioscdption. Breakthroughs to be
made on this issue will be enormously helpful t® itnprovement of simulation

accuracy.
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