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Abstract

The implantation behaviour of coronary stents is of great interest to clinicians and
engineers alike as 4stent restenosis (ISR) remains a critical ésswith the
community. ISR is hypothesized to occur for reasons that include injury to the vessel
wall caused by stent placement. To reduce the incidence of ISR, improved design
and testing of coronary stents is needed. This research aims to facilitate more
comprehensive evaluation of stents in the design phase, by generating more realistic
arterial environments and corresponding stress states than have been considered
heretofore, as a step towards reducing the prevalence of ISR. Furthermore, it
proposes immvements to the current requirements for coronary stent computational

stress analyses as set out by the Food and Drug Administration (FDA).

A systematic geometric tebed with varying levels of arterial curvature and stenosis
severity is developed andsed to evaluate the implantation behaviour of two stent
designs using finite element analysis. A parameter study on atherosclerotic tissue
behaviour is also carried out. Results are analysed using tissue damage estimates and
lumen gain comparisons for eadbsign. Results indicate that stent design does not
have a major impact on lumen gain behaviour but may have an influence on the
potential for tissue damage. The level of stenosis in the arterial segments is seen to
have a strong impact on the resultsleihe effects of arterial curvature appear to be

design dependent.

The greatest variable in any stenting analysis is the representation of the
atherosclerotic tissue and this was the focus of the second phase of work. This
research explores the directrgiag technique versus the predilation technique, the

effects of variation of the material model for the atherosclerotic tissue matrix, the



effects of inclusion of calcifications and a lipid pool and finally the effects of
inclusion of the Mullins effect @ the atherosclerotic tissue matrix in stenting
applications. One major finding is that the stiffness of the base elasticity model and

the strength of the tissue are key parameters in these analyses.

In conclusion, the use of finite element modelingtims thesis to assess the
biomechanics of coronaistent implantation has yielded the development of a novel
computational tedbed. This work has generated considerable new insight into the
mechanics of coronary stenting, and has created the basis ferefiective and

efficient stent design in the future.
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Chapter One

1 Introduction

1.1 The Heart and Coronary Arteries

The heart is the driving force of the circulatory system in the human body. From an
engineering perspective, it is the pump which delivers healthy oxygenated blood to
all parts of the body including the heart muscle. The delivery of healthy oxygenated
blood to the heart muscle is vital for its normal operation. Arteries are the
predominant delivery vessels, and the three main coronary arteries which serve the
heart muscle are the right coronary artery, the left anterior descending artery and the
left circunflex artery. An illustration of the position of these arteries relative to the

heart is shown ifrigurel.1.

In their normal healthy state, each of these arteries typically is composed of three
layers. The innermost layer is known as the intima, the outer layer is known as the
adventitia and theantral layer is known as the media. An illustration of the structure
of a typical artery is shown iRigure 1.2 [1]. The intimal layer consists of a single
layer of endothelial cells which line the arterial wall. The medial layer consists of a
complex arrangement of smooth muscle cells, and elastin and collagen fibrils. This
layer can typically be subdivided into a number of vesfined concentric fibre
reinforced medial layers separated by elastic lamj@aeThe media is separated
from the intimal and adventitial layers by thernal and external elastic laminae
respectively. The adventitial layer mainly consists of fibroblasts and fibrocytes (cells
which produce collagen and elastin), histological ground substance and thick bundles
of collagen fibrils. In the medial and adwgial layer the wavy collagen fibrils are

generally arranged in helical patterns. These collagen fibrils are the load bearing
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structures in each of the layers. For further information on the arterial wall the reader
is referred to the work of Holzapfet al. [1]. However the healthy arterial wall is not
the primary motivation for this work. It is the diseased state which is of particular

interest and this is discussed in sectiahof this chapter.

1.2 Heart Disease & Atherosclerosis

Ischemic heart disease is the leading cause of death in the world. In 2004, an
estimated 12.3% of deaths in men and an estimated 12.2% of deaths in women were
attributed to ischemic heart disease. Adoog to World Health Organisation
(WHO) statistics, this is predicted to remain one of the top four leading causes of

death in 20303].

Ischemic heart disease is characterised by reduced blood supply to the heart muscle,
typically caused by atherosclerosis of the coronary arteries. Atherosclerosis is the
thickening of the arterial wall due to an accumulation of necrotic waste, fat,
cholesterol and other substances which lead to the formation of plaque structures.
This reduction of blood flow to the heart muscle can lead to angina (chest pains),
myocardial in&rction (heart attack) and death. The progression of coronary
atherosclerosis has been shown to be linked to factors such as family history, obesity,

history of cigarette smoking, hypertension and diabjdies

According to St[8]rathéresclemsisatgpgallyf progredsas anna
particular order, from Type | to Type VIIl. A summary of the classifications of
atherosclerotic lesions adapted from Stary is givemahle 1-1. According to this
progression, the disease starts as an accumulation of macrophage foam cells, (fat
cells) within the intimal wall, Type I. These foam cells can then coalescéand

multiple layers, Type Il. The lesion then advances to preatheroma stage, Type I,
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and onto atheroma stage IV, where an atheroma is a swelling of the arterial wall
made up mostly of macrophage foam cells, lipid and connective tissue. The next
stage m the progression is a Type V fibroatheroma lesion classification, in which
prominent new fibrous connective tissue has formed. The next stages, Types VI to
VIII, are characterised by fissuring, ulcerating and haemorrhaging of the vessel wall.
Calcifications and fibrotic connective tissue also tend to develop in these more
complicated lesion typefigurel.3is an illustration which shows the progressad

the disease from stages | to VI.

The progression of this disease is also not confined to the later stages of life, as
illustrated by the graph ifrigure 1.4. This graph shows that, for a total sample
population of 691, by puberty 69% of subjects had some type of coronary lesion and

by late thirties this figure rises to 95%.

1.3 Evolution of Treatments

Today the gold standard for treating atherosclerodronary vessels is the insertion

of a small tubular scaffold called a stent as part of the angioplasty procedure
(technique of mechanically widening narrowed or obstructed arteries via inflation of
a balloon). This minimally invasive procedure has Iprgeeplaced the highly
invasive and traumatic coronary artery bypass graft (CABG) procedures that are
carried out to allow blood flow to bypass the stenotic region through attachment of a

saphenous vein graft around the restricted site.

The CABG procedurérst involves removal of a portion of the saphenous vein from
the upper thigh, leaving a sizeable scar. The breast bone in the chest then is opened
to access the heart organ and the procedure is carried out on a beatin@ffieart (

Pump Coronary Artery Byass Graft) or on a heart organ that is still (Traditional
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Coronary Artery Bypass Graft). For the latter the heart muscle is typically injected
with cardioplegia (a drug to stop the heart and slow its metabolism). Albegrt
bypass machine keeps the ldaand oxygen moving throughout the body during the
surgery. This procedure typically requires on average two weeks of recovery in

hospital[6].

However, the minimally invasive procedure of stenting has now largely replaced
CABG surgeries, where possible, due to its high success rate, minimal scarring and
quicker recovery times. Howenaf more than three coronary arteries are narrowed

or if the patient is diabetic CABG may be recommendéd

There are two general cgtaies of stents: self expanding stents (SES) and balloon
expandable stents (BES). These can be-tvetal or drugcoated, and permanent or
biodegradable. Of particular interest to this work is the assessment of BES but the
computational framework that gesented in the later stages of the thesis could also

be readily utilised for the assessment of SES.

According to Kayet al. [8], the insertion of a stent typically involves the following

steps.

First the femoral artery is localised by the cardiologist with the middle and index
fingers ofthe left hand. With the fingers stable the area distal is anaesthetised using
10-20 ml of lignocaine. A discrete cut-@nm) is made in the skin using a scalpel
blade over the femoral artery as showrigure 1.5. The vessel is then punctured

with a needle, known as percutaneous access. The cardiologist may sense the artery
at the tip of the needle though the transmitted palpation. Once pulsatilesflow i

confirmed a 0.035 inch wire can be introduced into the vessel toward the heart.
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Fluoroscopic confirmation of the position of the wire is mandatory. The needle is

then withdrawn.

A guiding catheter is then directed to a position in the ascending acstkigsee

1.1) such that its tip is coaxial with the opening of the diseased coronary vessel. To
ensure that there is no air or clot present withinciteeter a syringe is connected to
aspirate and discard approximately 5ml of blood. The catheter is then connected to a
threeport manifold (sed-igurel1.6). This is a closed system manifold which allows
pressure monitoring, catheter flushing with saline, and radiographic contrast

administration.

The injection syringe, full of contrast dye, held with the handle elevated so that
any bubbles present rise to the plunger. This reduces the risk of bubbles being
injected into the patient. Contrast is injected at a sufficient rate to briefly replace the

blood in the coronary artery to reveal theeatfsclerotic lesion.

The guidewire is then advanced through the guiding catheter to the diseased site,
typically with a monorail catheter. The monorail catheter is a catheter where only the
distal 1525 cm of the balloon catheter tracks over the guide(geeFigure 1.7).

The advantages of this system are less procedural time, a single operator, reduced

fluoroscopy time, and no additional devicestfoe exchange.

It is usually not difficult to advance the balloon catheter over the guidewire.
However, very cumbersome lesions such as those that are tortuous, diffusely
calcified, or chronically occluded need additional techniques. In order to cross such
difficult lesions, the following techniques can be applied: the use of strongeupack

catheters, deep insertion of the guiding catheter, adding vibration, pushing the
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balloon while pulling the guidewire or the use of a stiff guidewirec(so! | ed O6extr

support typeo).

The stent mounted on the catheter is then positioned at the site of stenosis. The
central part of the stent should cover the most severe segment of the stenosis,
especially in the case of hard calcified lesions. The stent is then deplogxplatod

the stenosed vessel. Further details on the delivery of the device can be found in the

work of Kayet al.[8].

Depending on the stent type different methods of deployment are utilised. BES, as
the name implies are expanded via inflation of a folded balloon. The stent is crimped
ontothe folded balloon, which is mounted on a catheter assembly. Once the catheter
is in place the balloon is expanded with a saline solution and this inflates the stent.
The balloon inflation period at the appropriate site should b&2ZDs. The balloon

is then deflated and removed leaving the stent in place as a scaffold maintaining
lumen patency. With a SES, the stent is manufactured at a desired diameter and then
constrained to a smaller diameter before insertion in the body. Upon positioning at
the site ® the blockage the constraint (typically a sheath) is removed and the SES

expands to its original diameter.

For coronary applications typically a BES is used as opposed to a SES. One reason
for this is that the radial stiffness of a BES are generally nmiglher than a SES,

due to the materials from which they are manufactured. This has the implication that
SES often do not have sufficient stiffness to open calcified lesions which makes a
BES preferred in coronary and renal applicatii@sHowever, self expanding stents

are usually manufactured from super elastic materials such as nitinol which
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elastically recover even after complete flattening or radial crushing making them

suitable for peripheral applicatiof8.

1.4 History of Angioplasty and Stenting

In 1977, Andreas Gruentzig and colleagues performed the first coronary angioplasty
in a living humar{8]. The equipment used in this procedure was quite primitive and
bul ky, compared to modern day systems.
introducer sheaths werenproved for the angioplasty procedure. First generation
balloon catheters were fixed to the guidewire which made it difficult to traverse tight
or tortuous lesions. The next major development in the procedure was the
introduction of steerable guidewirgs0] which allowed the operator better catr
Further progression in balloon technology has included the use of different types of

balloons, improved materials, better coatings and lower profile narrower systems.

The inclusion of a scaffolding device to improve upon balloon angioplasty results
was first proposed in 1964 by Charles Doffet]. But it took nearly two decades
before Jacques Puel and colleagues implanted the first balloon expandable stent in a
human coronary artery in Toulouse, Frarj¢2]. The inclusion of this metallic
scaffold acted against the elastic recdiltle artery, which improved lumen gain

outcomes when compared to balloon angioplasty alone.

The term stent has become associated with a device that held a skin graft in position,
a support for tubular structures and then an endovascular scaffold wikegbdend
prevented vascular obstructiofis3]. But the original name is attributed to Charles
Stent, a 19 century English dentist, who developadnould with which to form an

impression of the teeth and the oral cavity. Little did he know that his hame would
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become synonymous with the management 0 |

world.

The first implantation of a balloon expandable stent veg®rted by Schatet al

[14] in 1987. The implantation was in the peripheral artery of a canine and
represated a significant milestone in the treatment of atherosclerotic vessels. The
first implantation of a coronary stent in humans was carried out by Sifl&dytin

1986, using the WallStent design;, $&gure 1.8 for an image of first generation

stents including the WallStent.

However it was 1991 before the first balleexpandable stent, the Palmaehatz

slotted tube design (sdeéigure 1.8), was approved by the FDA (Food and Drug
Administration). The results from the BENESTENT clinical trial, using the Palmaz
Schatz stent, were published in 1994]. This trial showed that, for 540 patients

with new lesions in the main coronary arteries, tti@ical and angiographic
outcomes were better in patients who received a stent than in those who received
standard coronary angioplasty. A few years later it was reported that stent use as a
percentage of total percutaneous angioplasty procedures hadsedrfrom 5.4% in

1994 to 69% in 199F17].

1.5 Issues with Coronary Stenting

The evolution of the stenting procedure has significantly improved the clinical
treatment of atherosclerosis. However it is not a panacea in the treatment of the
disease. First generation stents were typically bare metal stents and while they had a
high siccess rate it was found thatstent restenosis, when the stented vessel lumen

becomes reblocked, was a key prob[@8i 23].
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A second generation of stentseged which were termed draduting stents due to

the coating of drug on their surface, typically embedded in a polymer matrix to
control elution rates. The purpose of the drug (common types include sirolimus,
paxitaxel, everolimus, and zotarolimus) immger al 'y t o suppress th
response to the stent implant through delayed healing of the intimal tissue forming
around stent struts. These drug coatings have contributed significantly to the
prevention of restenosi24], however it has emerged recently that higher rates of

late stent thrombosis (formati of blood clots within the stent) have been reported

for drug eluting stentf25] (seeFigure 1.9, adapted fronj26]) causing a renewed

interest in stent geometrical design to address the restenosis issue.

Contributing factors to restenosis are thautghinclude stresses within the arterial
vessel wall[27,28] caused by stent implantation, or in some cases stent fr§2€lire

31]. The placement of a stent within a diseased vessel ultimately induces some level
of arterial injury due to the supghysiologcal loading involved in implantation of

the devicd32i 34], even with drug eluting stenf85]. This injury to the vessel wall
induces a biological response that leads to the dewelot of neointimal
hyperplasia. This is the natural response to damage to the endothelium, the lining of
the arterial wall (se&igure 1.2). Endothelal cells release inflammatory mediators
that trigger platelet aggregation, fibrin deposition and recruitment of leukocytes to
the area. These cells then express growth factors that promote smooth muscle cell
migration from the media to the intima. Theseosth muscle cells proliferate in the
intima and deposit extracelluar matrix, in a process similar to scar formation,

resulting in a partial or complete remodelling of the lumen.
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1.6 Coronary Stent Design

To deal with the issues with coronary stenting disaisseSection 1.5 a renewed
interest in stent geometrical design is emer@8&j. The use of numerical models to
improve stent geometrical design is now a wetlognised and widely adopted
approach. Such models allow one to easily assess physical quantities that are difficult

to assess experimentallyiarvivo.

The main design requirements of coronary stents are outlined below:

1 Deliverability i this is prereqisite for any stent as it cannot treat a diseased
vessel if it cannot be delivered to the site. Flexibility in a design is crucial to
allow it to transverse the tortuous path to the coronary arteries.

1 Crimping on the ballooin a good stent design must kersrely crimped onto
the balloon until it reaches the deployment site. Failure to maintain this
feature could result in the stent slipping off the balloon in a blood vessel.

1 Radiopacityi this is visibility of the stent once implanted and is related to the
material the stent is manufactured from. It is vital for the cardiologist to be
able see the stent once implanted to assess the success of the procedure. This
also relates to the geometry of the design, while it might be desirable to
reduce strut width cd design it can have an adverse effect on the visibility of
the device so a balance must be reached.

1 Radial strength this is the ability of the stent to resist the tendency of the
artery to naturally recoil. A design should have sufficient radial stinetoy
prevent arterial wall collapse

1 Scaffoldingi the capacity of a stent to prevent arterial tissue prolapsing

between it gaps. The metal to artery ratio is an important quantity in this

10
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regard; there should be sufficient metal to support the artenydbicto much
to encourage thrombosis formation.

1 Conformabilityi the stent should be able to take the shape of the artery upon
expansion, particularly in stenosed tortuous sites where straightening of the
stented vessel is undesirable.

1 Good appositiori there should be uniform contact between the stent and the
arterial wall upon deployment. If one or more stent struts protrude project
into the arterial lumen it would prove difficult to advance a balloon or second
stent to treat a lesion further along the saamtery. Also protrusion of struts
into the lumen can induce irregular blood flow patterns around the struts
leading to undesirable physiological effects.

1 Biocompatibilityi the material from which the stent is manufactured must be
biocompatible with thartery to minimise the risk of physiological immune

responses such as thrombosis formation.

With the utilisation of numerical modelling one can design stents to better manage
the physiological environment to which to they are exposed. The potential Iclinica
and anatomical situations and the equivalent desired stent features are Jiablein

1-2 [8]. To assess the performance of design several criteria can be examined using
computational modelling. For instance in deployment simulations the level of elastic
recoil (springback), foreshortening (longitudinal recoil) alexibility of the device

can all be assessed.

Using numerical simulations one can ultimately relate the design of a stent to the
degree of stress to which the arterial vessel is exposed. Variations in design of a stent

can lead to alterations in the stresstribution within the arterial wall. High levels of

11
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arterial stress have been shown to be linked to issues suctstastimestenosis as
discussed previously in Section 1.5. This calls for a more accurate depiction and
assessment of the arterial strestate to be modelleth silico (a computational
simulation) with the aim that this depiction will lead to improved stent designs that
injure the arterial vessel wall to a lesser extent. If the arterial wall is subject to a
lower level of injury, due to iproved geometrically designed stents, the risk of the
biological response of neointimal hyperplasia formation will be reduced. Therefore a
tool that allows stent designers to more accurately depict the arterial vessel response,
to new and emerging designgeds to be developed. The development of this tool

will be the particular focus application area for this thesis.

1.7 Regulatory Requirements for Coronary Stents

There are two governing guidance documents for coronary stents provided by the
FDAinthe Unied St at es. T h e s eElutang ®tentd Clonclinicalar y Dr
and Clini @dlanét adiodsgineenng teatsé and Recommended

Labelling for Intravascular [Bents and A:

The first document focuses on a coronary eeliding stent as a combination
product; in that it is a device being inserted in the body that is also delivering a drug.
This document focuses mostly on the effectsth®e drug delivered by the stent
scaffold. Potential site toxicity due to the drug is one of the first things required to be
established in nonclinical (animal) trials. If the drug that is to be delivered by the
stent is well validated then the main foaason the device performance, which is

outlined in the second document.

Included in this second document are requirements for characterisation of the stent

material, from its composition to its corrosive resistance. Also required are stent

12
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dimensional ad functional attributes such as dimensional verification, percent
surface area, foreshortening, radial stiffness and radial strength, mechanical
properties, recoil for balloon expandable stents, particulate evaluation and others. A
complete description dhe delivery system dimensional and functional attributes is

required along with shelf life and biocompatibility assessments.

Portions of the second document outlining 4atinical engineering tests applied to

the stent will be referred to during the pmasg¢ion of this thesis. In particular,
Section IV, partBO A SEreasn Analysiso wildl be exa
document aims to analyse, in combination with a fatigue assessment and accelerated
durability testing, the potential for failure dida device. This device failure can be
classified as loss of radial support or perforation of the vessel wall by the stent struts.

These analyses may also to provide an indication of device durability.

As stressstrain analyses of the performance of nesnstlesigns are required by the

FDA, it is imperative that these computational models are representative iof the

vivo situation. In order to appropriately assess device performance a representative
physiological environment needs to be modelled from @ngdrical and material
perspective. It is the contention of this work that the specificity of the blood vessel

needs to be investigated within the guideline documentation of Section IV,-fart B
Currently all/l t hat i s r ghysiolegecdl eldvancesof a 1
your vessel model parameterso and a desc
thorough examination of predictéd vivo performance a more systematic approach

is required and this shall be discussed further of the cofithés work.

Also to be mentioned here are the European regulatory requirements for medical

devices such as coronary stents. To attain approval for distribution of a medical

13
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device the CE mark is required. To attain the CE mark for a medical devicegssuch

a stent, t wo particular directives appl)
(93/ 42/ EEC) 0 and t he AActi ve | mpl ant a
(90/ 385/ EEC) o. From a careful examinati o

less specificatio is required from a stress$rain analysis point of view. Therefore,
the recommendations that arise from this thesis are considered applicable to the

European guideline documentation also.

1.8 Obijectives of thesis

The assessment of coronary stent implantatiagilico is the primary research topic

of this thesis. Its motivation is derived directly from the clinical issue <dtent
restenosis that is attributed to high stresses in the arterial wall. Using cdonaitat
modelling the assessment of the stress state within the vessel wall and the scaffolding

ability and recoil of the device is of interest to this work.

Particular attention will also be given to the regulatory requirements for stress/strain
analyses imolving coronary stents. The physiological environment simulated will be

examined in detail. Recommendations will be given on the degree of specificity of
the blood vessel that should be required in computational simulations of stenting

procedures.

This wak also enters the realm of personalised medicine. It introduces the idea of
population specific categories for assessing stent designs. This differs significantly
from current approaches which look at either a single idealised geometry or a single

patientspecific geometry.

Finally an indepth analysis of the representation of atherosclerotic tissue used in

stenting simulations will be presented. The purpose of this is to decipher what level

14
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of detail should be presented in modelling this tissue type dineenurrent available

experimental data.

The specific objectives of this work are as follows:

1 To develop and implement a new framework for more comprehensive
evaluation of coronary stent implantation with the aim of reducing the risk of
in-stent restenosidue to arterial stress related factors.

1 To assess the importance of blood vessel geometry in stent stress/strain
analyses and to provide recommendations to the FDA on the degree to which
blood vessel geometry should be specified in stent assessmeardsand

1 To show that a practical computational framework for assessing stent
performance that captures a range of population categories, which is more
general than patient specific, yet more realistic than a single idealised arterial
structure is required fa more accurate depictioniofsilico stent behaviour.

This computational framework will be referred to as the computational
arterial testbed, with each category of artery representing a specific
population type.

1 To introduce a new representation ofhebsclerotic tissue, more
representative of physiological tissue than current approaches, and to apply

this new representation to stenting simulations.

1.9 Thesis Structure

In Chapter Two a review of the fundamental theory of continuum mechanics, in
particula non linear hyperelasticity and damage modelling, and the finite element
method is presented. Chapter Three provides a comprehensive literature review of

computational approaches taken to model coronary stents. Also detailed in Chapter

15
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Three is a reviewof approaches taken to model damage of soft fibrous biological

material with particular attention paid to arterial tissue.

The development of a computational arterial -tesd including initial studies on
stent loading, mesh sensitivity, element type antrial constitutive modelling
comparisons are described in Chapter Four. The arteriabddstdeveloped is
applied to assess two stent designs also in Chapter Four. This chapter presents the
results in terms of overall stent performance metrics andfgpissue deformation

analyses.

Chapter Five presents an investigation into the representation of atherosclerotic
tissue used in stenting simulations. The application of different approaches to
modelling the response of this tissue to loading and umgad/cles is reported in

terms of overall stent performance metrics and specific tissue deformation analyses.

Finally Chapter Six provides a discussion on the findings of the thesis, implications
for regulatory requirements for computational analyses oforary stents,

conclusions and future work.
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Tablel-1

Classifications of atherosclerotic lesions used in pathdb].

Histological Classification of Lesions

Additional Terms

Type | Isolated Earlylesion,

macrophage foam minimal lesion

Fatty dot, fatt
cells y y
streak

Type Il Multiple foam cell

layers
Type lli Preatheroma,

intermediate lesion
Type IV Atheroma Fibrolipid plague,

fibrous plaque,
plaque
- Advanced lesion,
Type V Fibroatheroma
raised lesion

Type VI Fissured, ulcerated; Complicated lesion

hemorrhagic,

thrombotic lesion
Type VII Calcific lesion
Type VIII Fibrotic lesion

23



Chapter One

Tablel-2

adapted fronj8].

Desirable stent characteristics for given physiological conditions,

Clinical and AnatomicaSituations

Desirable Stent Features

Calcified Lesions

Calcified Vessels

Lesion located on a curve (390

Proximal vessel tortuosity

Bifurcation involving large side branch
Ostial lesions

Vein grafts, thrombusontaining lesion
total occlusions

Small vessels

Diffuse disease

Significant vessel tapering

Direct stenting

Vessel perforation

Good radial support, low friction

Low friction, high flexibility, low
crossing profile, good radial support
High conformability and flexibility

High flexibility, low friction, low
crossing profile

Open cell design

Good radial support, good radiopacity

Goodlesion coverage and radial suppg

Thin stent strut, high flexibility

Minimal balloon overhang

Minimal balloon overhang

Low crossing profile, low friction, higk
flexibility

Covered stents
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Pulmonary

Ascending
Aorta

Left
Circumflex

Left
Anterior
Descending
Artery

Right

Coronary
Artery

Figurel.1l Coronary arteries respsible for delivery of healthy

oxygenated blood to the heart.
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Composite reinforced by
collagen fibers arranged
in helical structures

eQ

Helically arranged fibser-
reinforced medial layers

Bundles of collagen fibrils

External elastic lamina

Elastic lamina

Elastic fibrils

N

Collagen fibrils

Smooth muscle cell
Internal elastic lamina

Endothelial cell

Figurel.2 Components of the healthy arterial w4l].
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Adaptive
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(smooth muscle)
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,’Extracg?vlar

lipid
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Figurel.3 Progression of atherosclerosis according to Stary's

classification5].
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Figurel.4 Development of atherosclerotic lesions in age groups up to 40,
adapted from5].
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Figurel.5 Schematic of the femoral access
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Figurel.6

Hub

Figurel.7

Schematic of a threport manifold typically attached to an

angiographic cathet¢g].

Guidewire

Balloon

Balloon marker

Mid shaft

Distal shaft

Construction of a monorail balloon catheter.
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o

Figurel.8 Sevencoronary stents, clockwise from bottom left: Wallstent,
PalmazSchatz stent, Wiktor stent, GianturBoubin stent,

Cordis stent, AVE stent, and Multilink steAB].

30



Chapter One

Bare-metal
stent

Restenosis

Thrombus
formation

Drug-eluting
stent
Figurel.9 Possible complications due to the use of eeluding stents
and bare metal stent$26].
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2 Theory & Numerical Implementation

This chapter describes some of the theoretical formulations employed imotthis

The theory described is used, either directly or indirectly, though finite element
modelling. The finite element models developed apply the principles of continuum
mechanics and finite deformation kinematics, which are discussed in section 2.1. The
fundamentals of hyperelastic material behaviour are discussed in section 2.2. The
phenomenon of stress softening in rublilex materials is then presented in section

2.3. The concepts of how permanent deformations are represented are discussed in
section2.4 and 2.5. Finally the implementation of the finite element models through

different solver approaches is discussed in sections 2.6 and 2.7.

2.1. Fundamental Principles

The fundamental principles of continuum mechanics that are relevant to this work

are presented hereigure2.1 shows an arbitrary body in space, Bhich undergoes

kinematic deformation to becomg B An i nfinitesi mal mat er i

by "Han the reference configuration and hyoin the current configuration.

The motion from Bto B, is described by the deformation gradigatdefined as

follows in equation (2.1)

. T_(? (2.2)
10
such that,
"HO ¢ JH& (2.2
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From the deformation gradient, two particular measures of strain can be
ascertained, known as the left and right CauGhgen Strain Tensor® and C.

These are defined by the following equations
B &7 (2.3)
C ¢7a8 (2.4)

The first three invariants of tensdBsand C, are equivalent for both of the tensors

and are defined as follows
© 0iC) 1 ] ] (2.5)

P (2.6)

© 0 eic) 11 11 )

0 AA® AAB® 0 111 2.7)

where the determinant of the deformation gradiEnts also known as the Jacobian,

vand} are the stretches.

Cauchy (true) stress describes the force per unit area on the current configuration. It
is a symmetric tensor and is related to the tractipgn a surface (internal or

external) in the current configuration and a unit norneater to the surface,
1 348 (2.8)

The Cauchy stress can generally be considered as having two components: a
hydrostatic stress component which causes volume change, and a deviatoric stress
which causeshape change. These components become significant in the description
of constitutive laws which are used to define specific material behaviour. It can be

broken down as follows
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N ne (2.9)
wherer) is the deviatoric stress ardis the identity tensor is the hydrostatic

pressure which is defined as follows

R o1 o8 (2.10)

In the elastiegplastic analysis of materials, the von Mises equivalent stigsis,
commonly used. This can be regarded as a scalar uniaxial equivalent of-axmaiilti

stress state. It can be defined as follows

— (2.11)

Other important stress tensors are the Kirchoff stress (symmeétritt)e first Piola
Kirchoff stress or nominal stress (unsymmetrig)which is the force per unit area in
the reference configuration, and the Second Piola Kirchoff stress (symmetric),

They are defined as follows

£ 0 (2.12)
E ¢ F (2.13)
¢ X0 8 (2.14)

A summary of the relevant fundamental principles of continuum mechanics has been
given above. As regards material constitutive descriptions, this thesis is primarily
concerned with elasticity and elagitasticity, both in the context of finite
deformationkinematics. For further information the reader is referrdd,&). As the

finite element programme Abaqy¥.6.10 Dassault Systems, Providence, RI,

USA) [3] is used for all of the simulations in the thesis it is logical to discuss
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elasticity and elastplasticity in terms of the descriptions of these theories provided

by Abaqus.

2.2. Hyperelasticity

Hyperelasticmaterials are types of materials that are a special case of elastic
materials, where the stresgain relationship derives from a strain energy density
potential,”Y. Hyperelastic materials typically exhibit a nlimear stresstrain
relationship that usally cannot be adequately captured by assuming a linear-stress
strain response (even if one assumes linearity between finite deformation kinematic
measures as discussed above). The most common example of this is rubber, whose
stressstrain relationship ishighly nonlinear. Soft biological tissue, such as the
arterial vessel, also has a highly Aorear stresstrain relationship. This nen
linearity has been observed by many researchers and in particular its first

investigation was by Fung in 19¢4].

As stated above, hyperelastic material behaviour is captured by a strain energy
density potential]Y. This potential can be related to the first Pidlechoff stress

and Cauchy stress, respectively

T (2.15)

& (2.16)
Pl g
) 1€
A broad range of material constitutive definitions are provided in the finite element

software Abaqud3] which is employed in this research. Several different

approaches to modelling healthy and diseased arterial tissue are investigated within
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this work and the various hyperelastic constitutive models available within Abaqus

that are used ar@ow presented, in terms of the strain energy density potential.

Hyperelastic models are generally of two types: phenomenological, where the model
describes macroscopically observed behaviour, or mechanistic, where the model is
developed from consideratie of the underlying structure of the material.

Sometimes a combination of both can be used.

A very common type of hyperelastic model is the polynomial form of strain energy

density potential. This is a phenomenological model and is described by equation

2.17).

) 0 (2.17)
Y 6 ® o ® o o O p

Y is the strain energy density per unit reference voluineis the number of
polynomial terms used in the series, for each polynomial terfiO are material
parameters.® and ‘® are the first and second invariants of the modified right
CauchyGreen strain tensoifAandis as defined previously in equati¢27). The

modified right CauchyGreen strain tenso# is defined as follows

A 0 C. (2.18)

Another form of this phenomenological model is teduced polynomial form of

strain energy density potential
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(2.19)

Also available is the Ogden form of strain energy density potential defined as

follows

, L (2.20)
| = = = O P

where_l are the deviatoric principal stretche§, 0 _ and_ are the principal

stretches. The Ogden potential is made up of a seridgerins. For each term, ,

| andO are material parameters.

All the above mentioned models are isotropic, however arterial tissue is highly
anisotropic[5]. For the case of modelling the material as anisotropic the Holzapfel
GassetOgden hyprelastic model is considered in this work, as it has been shown to
generate an excellent fit to experimentally derived data for arterial tissue mechanical

testing[6]. This model has the following form
Y Y Y (2.22)

where™Y is the isotropic portion of the strain energy density potential, typically
relating to the matrix of the material, and is the anisotropic portion of the
strain energy density potential, typically relating to the embedded fibres. Both

components of the overall strain energy response are defined as follows

Y 0 o (2.22)
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’?’Q 5 )
Y 5 AgRI® p d® p p (223
h

whereQ andll ¥ 1P _ are dimensionless material parameters @nednd‘ are

o

material parameters with the dimensions of stress. The fourth invariant of the
modified right CauchyGreen tensor® H & 'H dA is a tensor invariant equal

to the square of the stretch in the direction of a unit vektor

To assistin understanding the formulation of the modElgure 2.2 shows an
illustration of the inflation of the adventitial layer of the art§ry. The structure
illustrated contains two embeddé&inilies of collagen fibres. The mean orientation
of each family of fibres is characterised by the vectdrsand'H , respectively,
both subtending an angte with the horizontal, as illustrated iRigure 2.2. In a

cylindrical polar coordinate system the componentsl ofandH are

L L (2.29)
H AT10 NH AT 0
O Erl O Erl
The dispersion of fibres around the mean is characterised by the pardmetach

is defined as follows

I " Oi "QEQO (229

where'Ois the angle between the local fibre to the mean fibretitrg 'H , and” is

the orientation density distribution and is defined below as

AlcO (2.26)
O e

” ‘O T

|

et

A g
qﬂ

>| &
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where @ is a positive concentration parameter ahd¢EE A O@ois the

imaginary error function. The error function is given by the standard formula below.

(2.27)

2.3 Stress Softening of Rubbery Materials

In 1969, Mullins first wrote the review on stress softening of rubber under cyclic
loading[8]. The so called Mullins effect is characterised by the following features:
when a virgin material is stretched from undeformed state to a certain deformation,
the stressstretch curve follows a primarpading path. On unloading from this
deformation, softening (reduced stress compared to the primary loading stress) is
observed. Subsequent reloading follows the former unloading curve until the
previous maximum stretch is reached. At this point the mahtesturns to the
primary loading curve up to a new maximum. For an illustration of the sitess

response of a material exhibiting the Mullins effect Sigeire2.3.

Stress softening been observed in many types of soft fibrous biological tissue
exposed to cyclic loading. Also to be mentioned here are the other main phenomenon
observed during cyclic loading of soft tissue apart from the Mullins effect. This
observed ph®menon is preconditioning, characterised by continuous softening
during the early ~cycl es unt i[9]. Thecarea e vi ng
enclosed by the loading unloading curves, which reflects the dissipated energy,
decreases with every cycle. Finally in steady state the loading unloading paths almost

coincide.
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Any given strain energy density potentidl, can be broken down into two
components: volumetric (dilatational) and isochoric (volume preserving of non

dilatational) which can be expressed as

Y Y 0O Y AE 8 (2.28)

In the above’E is the cross product of the unit vectord,, defining the
predominant fibre directions, seBigure 2.2. It is generally assumed under
continuum damage mechanics theory that damage occurring in the material affects
only the isochoric portion of the strain energy density function [$€&12] for

examples).

Continuum damage mechanics constitutive theory when applied to soft tissue
typically falls into oneof two categories: continuous or discontinuous type damage.
To succinctly describe the difference between the two approaches the following

definitions from Miehd13] are adapted.

A discontinuous evolution of damage assumes that damage accumulation only
occurs within the first cycle of a stragontrolled loading process and does not occur
again until a new maximum effective strain energy is reached. With this type of
damage, furthrestrain cycles below a maximum effective strain energy do not have
an effect on the material response. The model of Ogden and RoXtidigihich
describes the Mullins effect phenomenon is an example of a discontinuous type

damage model.

Conversely, a continuous damage model takes into account the whole strain history
of the deformation process to allow continuous damage adation. This means

that damage can accumulate during loading and unloading and during all strain
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cycles at the same amplitude. With a discontinuous damage model, typically damage
only accumulates on unloading and only during the first cycle for a sdrsgsam

cycles at the same amplitude.

Expressed mathematically, the discontinuous damage model is assumed to be

governed by a variable

N OV (2.29)
| O IN Aﬁ\ acyY  CAi
where| 0 is the maximum effectivetrain energy which has been achieved within
the time interval [@] achieved by the isochoric (volume preserving or -non
dilatational) portion of the undamaged strain energy density funciton, A

The whole time history is expressed in terms of a variablerto .

Any damage criterion in the strain space can be defined by the condition that, at any

time, t, of the loading process the following is satisfid]

- - 2.30
B Ao M ¢Y A0 | 0 h | 0 m (230

where the ternf) ¢'Y A0 |, is used for succinctness in future definitions.

The equatiors A0 H T defines a damage surface in the strain space. Finally,
the evolution of the damage paramet&;, is characterised by an irreversible
equation of evolution such §2]

O opn h EA nATEA © (2.31)
Qo0 m I OEAOx EOA
in the above,E — is the normal to the damage surface in strain spads,

defined at the current timteand QfRh  is a function that characterises the damage
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evolution in the material. This undesdighe discontinuous nature of the damage
effect, i.e. there is no damage accumulation if the force lies inside the undamaged

domain.

Also expressed mathematically, the continuous type damage evolution is assumed to
be governed by the arclength of the difex strain energy rate. Expressed

mathematically this is captured by the following

‘ e en (2.32
I 0 i Q¢ Al Qi
wheref 0 is the arclength of the effective strain energy rate @aadpoint in the

time history [Ot].

The continuous type damage evolution method was not adopted in this thesis as this
approach does not allow the fitting of material parameters to experimental data
independent of the fitting of the damage parameters. edewy with the

discontinuous approach the material parameters can be fit independent of the fitting
of the damage parameters. Later in this work a discontinuous damage model is

adopted through use of the Mullins effect to model damage in atherosclesiie. ti

2.4 Elasto-Plasticity

To define the material behaviour of a metallic stent within the Abaqus finite element
code the material is assumed to be homogenous, isotropigndependent and
elastiecplastic. The kinematical framework used to define this type of material model
splits the deformation into an elastic paf,which is recoverable, and a plastic part,

pl, which is unrecoverable. The deformation gradient is decomposed as follows

[3,15,16]
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¢ e L (2.33

where¢ is the elastic component of the deformation gradientédriis the plastic

component of the deformation gradient.

In the metals used in stenting the elastic strain developed, before the metal yields,
amounts to a few percent. When elastic strains awdl she above multiplicative
decomposition of the deformation gradieRf,can be approximated in terms of an

additive decomposition of strain rafd$]. The total strain rate is defined as follows
8 (2.39)

In the above, the elastic strain rate is denoted byand the plastic strain rate is
denoted by . When this equation is integrated with respect to time the following

equation is obtained giving the respectilasec and plastic strains.

(2.35)

The elastic component of the deformation can be related to the stress through the
Bulk modulus,K, and the Shear modulu§, which are functions
Modulus,e, and Poi $,sond6s Rati o,

0 . 0
AT B (2.36)
op c# ¢p ¢

Specifically, the elastic strain can be decomposed into volumetric and deviatoric

parts and these can be related to the hydrostatic pressure and deviatoric stress

respectively. The volumetric elastic strain, , can be defined as;

] 3 n (2.37)
U

and the deviatoric elastic straikhl , can be defined as
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H P & (2.38)
o
This is related to the deviatoric stréssough the following
n c¢OHS8 (2.39

2.5 J,Flow Theory
Permanent plastic deformation occurs in metallic materials when the stresses due to
the deformation exceed the material 6s yi

stents yield considered herelislow theory[15,16]

According toJ, flow theory a material yields when the material stress state is on the
yield surface of the material. The yield surface is the surface in stress space that
bounds the domain of elastic straining in the material. The yield criterion proposed

by von Misess defined as follows

v Q (2.40
whereQ is a constanty is defined by the following
0 Y'Y (241

where"Y is the deviatoric stress within the material as defined in equ@ign The
flow rule governs the way plasticity is computed, so an increment of plastic strain is

determined by the following equation

Q - YQ (242

where 'Q_is a positive scalar that depends on the stress increment. From this

equation the equivalent plastic straify,, is also defined
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(2.43)

Qrf 20-0- 8
o)

To define the stress and increment of plastic strain in terms of work, the increment of
plastic work done per unit volume is
Qo , @ 8 (244

The von Mises equivalent stress defined in equddrl) can be applied to redefine

the work in terms of the equivalent stress and equivalent plastic strain increment,

6 S” a_ .ol (2.45)
o
From equatior§2.45) the positive scalaiQ . can be defined as
o 2.46
Q. E_£8 (2.46)

Therefore the definition for the increment of plastic strain can be rewritten in terms

of equivalent stress and plastic strain increment using equyat#s),

o Q[ (2.47)

Within Abaqus, this incremental plastic constitutive law is combined with elasticity
(through equations (2.37) and (2.39)) to generate a combined -plastc
incremental constitutive law, and integrated through time using the backward Euler

method[3].

2.6 Implicit Finite Element Method
In the commercial finite element code Abaqus/Standard;linear systems are

solved using implicit integration techniques. The body making up the system is first
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broken down into discrete sections called elementshwéwre connected together at
points called nodes. The full collection of elements and nodes which represent the
body is known as the finite element mesh. The governing constitutive equations,
which are calculated for each element, assemble to form arsystealgebraic
equations to describe the behaviour of the body as a whole. By applying boundary
conditions to the system of equations, the stress and strain can be calculated for each
element incrementally. The principle of virtual work is a fundamentahton upon

which this method is based

(2.48)

In equation(2.48) the equilibrium is enforced on a reference volumMewhich is

bounded by a surfaces. and "l are the stress and surface traction vectors
respectively, while and] I are the virtuabtrain and virtual displacement vectors.

For eacheoel eimme ntthhe Af i ni te el ement mes h t

true

T AL (2.49)

171 "E1 I (2.50)

where 'E and ‘A are the element shape function and shape function gradient
matrices respectively. Substituting these into equdfdB) and rearranging yields

the following

(2.51)
1A T Q6 17 "E'Q"Y
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where the summation is over all teel e meedt S nAt he finite el
Performing the summation, which in effect means assembling element quantities into
global quantities, and removing the arbitrary virtual quantities yields the following

global expression

(2.52)

where u is the global nodal displacement vector the mesh. This set of global
eqguations iru for the out of balance forc&, can then be assembled

(2.53)
£l A TQe  E'RY T

In Abaqus/Standard, a range of implicit solution procedures are available. For a
static structural analysis a form of the Newtaphson iterative solution solves the
equations. Using the combination of Newd@aphsoniterations and incremental
steps in time, the implicit integration results in definition of the nodal displacements

as the following

TR ) (2.54)

wheret is the time at the start of the incremeY,represents the value of the time
increment in use and is the iteration count. With the Newtdaphson method,

"I Y is the initial estimate of the nodal displacemeﬁts,y is the improved

estimate after the iteration.

The NewtonRaphson method solves the equations iteratively where the boundary
conditions are applied incrementally over the course of the deformation history. This
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method ensures equilibrium is achieved at the end of each tepe@oviding a

robust and accurate solution.

2.7 Explicit Finite Element Method

The explicit method was originally developed to solve dynamic problems involving

deformable bodies. Accelerations and velocities at a particular point in time are
assumed to beonstant during a time increment and are used to solve for the next
point in time. To perform an explicit dynamic analysis the commercial finite element

code Abaqus/Explicit can be implemented. This code utilises an explicit integration
rule together witha lumped element mass matrices for the system. The governing

equations for the motion of a body are given by the following
"l Yo (2.59)

Yo Yo . (2.56)

In the above equations] and I represent velocity and acceleratiam,is the

increment number with P c and¢ P c being the half increment values before

and after the" increment. It is important to distinguish between the ugeinfthis
section and its use in the previous section. In the implicit finite element method
refers to the iteration number within a certain time increment. However in the
explicit finite elenent method, no iteration takes planegfers to the time increment

number.

The explicit technique utilises inversion of the diagonal element mass matrix to
reduce computational cost . This resul

acceleration
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| ‘E O¢ £ (2.57)
with,
(2.58)
g" ETTQTY "E'EQw
(2.59)
£ A Qw
(2.60)
E ""EQ 0

where¢ is the total applied nodal force vectd, is the diagonal element mass
matrix, and€ is the internal force vector. In equati¢a58) "E is the vector of
nodal forces. In equatio(2.60) " is the current density of ¢hmaterial. All other

guantities are defined through equat{@rb2).

It is important when performing a quesatic analysis simulation using the explicit
finite element method that the inertial forces do not affect the mechanical response
and provide unresdtic dynamic results. It has been shown that by keeping the ratio
of kinetic energy to total internal strain energy at <5% dynamic effects in the model
are negligible[17,18] This is the criterion for the quasiatic behaviour that is

employed in the explicit analyses in this thesis.

The major difference between explicit and implicit solvers is that the explicit
procedure requires no iterations and no stiffness matrix . A summary of implicit and
explicit finite element methods that are relevant to the work of this thesis has been

given. For further information the reader is referrefB{o
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Figure2.1 Schematic of finite deformation kinematics.
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pressure p.

Figure2.2 Thin-wall approximation of the inflation of the adventitial
layer with two embedded families of fibres. The mean
orientations and the dispersion of the collagen fibres are

characterized by andd, respectively7].
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Figure2.3 Stress/strain response of a material showing idealised Mullins

effect.
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3 Literature Review

This literature review is dedicated to describing the key works in the modelling of
coronary and peripheral stents. Also included is a review of soft tissue damage
models, as these armvestigated with a view to applying such models to

atherosclerotic tissue in this work.

As one of the aims of this chapter is to thoroughly review stent modelling
approacheskigure 3.1 has been included to familiarise the reader with the typical
features of different types of stent geometryFigure 3.1-A, a stent geometry is

shown that contains six rings along its length axially. The insert labels the main
features of one of the rings. Figure3.1-B, a schematic is shown of a slotted tube
design stent. The top i mage shows a #frol |
image shows the geometry in its deployed stateFigure 3.1-C the difference

between an open cell design and a closed cell design stent is illustrated. To elaborate
further, a stent is typically classified as closed cell if every adjacensegient is

connected at every possible junction. If some or all of the connecting junction points

are removed the design is typically classified as an open cell design.

The first section of this chapter (Section 3.1) details developments in unconfined
stent expansions (no arterial vessel present) and the second section (Section 3.2)
details the confined expansion simulations (artery present). In the second section, a
review of developments in arterial modelling is presented. The developments and
trends inarterial modelling are discussed with respect to stenting simulations. This
section also includes a review of existing experimental data for mechanical

characterisation of atherosclerotic plaque tissue. Simulations involving the loading of
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this tissue ar¢hen discussed, both those with and without a stent present, as they are

of interest to this work.

In the third section of this chapter (Section 3.3) a review of the existing experimental
data for soft tissue undergoing damage is presented. Also indlutled section is a
review of the damage modelling approaches that attempt to capture this behaviour in
soft tissue. A further section on other approaches taken in modelling stents is
presented in Section 3.4. The final section in this chapter (Secbhndatails the
limitations of current approaches to stent modelling and where this work introduces

advances in the area.

3.1 Unconfined Deployment Methods for Coronary and Peripheral
Stent Modelling

In the context of this literature review, the temmconfined deployment is used to
describe numerical simulations investigating the expansion of vascular stents without
an exterior confinement, i.e. no artery is included in the analysis. The following

section details these works.

In 1997, Whitche{1] was one of the first researchers to investigate the expansion
performance of vascular stemtssilico. The focus of the work was nitinol stents for
peripheral application. The actusli mul ati ons were simple by
pioneering none the less. A fatigue loading simulation, on a one eighth section of the
stent geometry, due to pulsatile blood flow, was carried out on an expanded
geometry and stresses due to this loadingwlescussed. It was found that the model
predictions agreed well with destructive fatigue testing data in both quantitative and

gualitative terms.
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Braueret al. [2] in 1999 investigated the dilatational properties of atiet stents

both experimentally and computationally for different stent materials. A partial axial
stent segment mounted on a cylindrical balloon was modelled to simulate expansion

of the device. In pressure vs. change in diameter curves, good agreeasdnumnd

between the simulation and experiment up to a certain diameter. Also captured was
the fAbone effecto of the balloon during

termed Adogboningo.

Another early study of note is that of Dumoulin and Coch@jrin 2000 where the
mechanical behaviour of ballo@xpandable stents was investigated. A repeating
unit cell, repreentative of the Palm&&chatz design, was expanded using a pressure
load applied to the inner surface. Also investigated was the response of the device to
buckling and fatigue loads. It showed the unsuitability of this design for peripheral
applications hat exerted severe compressions as this was predicted to produce

permanent collapse.

In 2001, Taret al.[4] examined the performance of the Palr$zhatz and Freedom

stent geometry designs using finite element analysis. The geometry, stent wire
diameter and contact witlan external hemispherical surface were varied. The
external hemispherical surface is representative of a lesion in the analyses and was
found to produce large distortions both stent designs. These findings are the earliest
showing the capability of finitelement analysis as a comparative tool for analysing

stent designs.

Also in 2001, Etaveet al. [5] examined the behaviour of two different types of
stents, tubular and coil. Seven mechanical performance measures were studied,

including deployment pressure, recoil, resistance to compressive forces,
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foreshortening, coveragarea of the stent, flexibility and stress distribution. They
concluded that tubular stents are very rigid, foreshorten with increasing diameter and
require higher deployment pressures than coil stents. They found that coil stents are

quite flexible, lengten durng deployment and exhibit less recoil than tubular stents.

There are several papers from Chua andworkers [6i 8] that investigated
unconfined stent expansion using the finite element method. In the first of the series
in 2002, Chueet al. [6] simulated the expansion of a slotted tube type stent design
using a mechanical pressure applied to the inner surface of the device. Two different
typesof pressure loading were investigated. In 2003, Giiw. [7] investigated the
deployment behaviour of a similar stent geometry, this time the balloon was
explicitly represented as a straight cylindrical body. The resulting deformations and
stresses withinhie stent were reported. Another paper in 2004 by Ghua. [8]
investigated the effects of varying the slotted stent geometry on the expansion
behaviour of the device. Itas found that increasing the length rather than the width
of the slots achieved a higher expansion rate with minimum effect on foreshortening.

Symmetry was utilised in all three papers to minimise finite element model size.

In 2004, Gonget al. [9] presented a study that compared experimentally evaluated
radial resistive forces of a Nitinol stent to finite element predictiding results
compared the radial resistive force, chronic outwards force and the crush resistance
of the device. These first two parameters give an indication of the forces exerted by
self expanding stents in an arterial vessel and the crush resistanceetpara
indicates the ability of the device to resist forces exerted physiologically on the
device. The results of this study indicated that radial resistive forces and mechanical
response of Nitinol stents evaluated experimentally compared well to tholsetgute

in a finite element model.
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Given that stent struts can be on the order of 100 microns in thickness, knowledge of
the microstructure of the device is important. In 2003, Stolpmetnml. [10]
investigated different constitutive laws for istematerials and also included void
initiation as a criterion for mechanical failure. It was concluded that a Cauchy stress
strain material model should be used within simulations. McGetrigl. [11] also
analysed the microstructure of the device, this time through the use of classical
plasticity theory, which was compared to the physically based crystal plasticity
theory. A 2D unit cell model of the NIR stent (Medinol/Bastcientific) geometry

was utilised in the finite element analyses. The results indicated that crystal plasticity
theory predicted nceoniform stress and strain fields within the material
microstructure, which are a real feature of microscale mechanitavioer of
polycrystalline metals used in stents. Savagle al. [12] investigated the
micromechanical behawr of individual 316L stainless steel coronary stent struts
using crystal plasticity theory. Their results showed the relationship between the size
of a stent strut and its mechanical performance, and in particular they demonstrated
the significant reduon in tensile ductility of a strut with reduction in strut

thickness.

Stent strut size effects were further explored computationally in Mugplay. [13],
in 2006, and Harewood & McHudi4], in 2007. Most recently, Grogaat al. [15]
investigated size effects for a range of metallic stent materials. It was demonstrated

that size effects are more significant the more ductile the metal.

Donnelly et al. [16], in 2007, analysed the residual stresses associated with
deployment and recoil for different stent geometries with a view to establishing an
appropriate stress state for fatggloading of stents. The maximum, minimum and

mean stresses induced were reported and also radial and longitudinal recoil. A more
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recent study from Sweenest al. [17] presented a framework for predicting the
fatigue life of coronary stents. The methodology combined the use of a three
dimensional sterartery model, modelled using, plasticity theory, with a
micrometanical stent model, modelled with crystal plasticity theory dad
plasticity theory. Under cyclic deformation, fatigue life predictions for the crystal
plasticity model and thé, plasticity model were compared with the predictions of
conventional fatiga life estimation techniques. From the results, it was concluded
that micromechanical fatigue analysis of stents is necessary to achieve accurate life
estimates due to the significant predicted effects of material inhomogeneity on

micro-plasticity and miap-crack initiation.

In 2002 Migliavaccaet al. [18] investigated the effects of different geometrical
features on the mechanical performance of three stent designs. The performance of
the stents wee analysed in terms of radial recoil, longitudinal recoil, foreshortening
and dogboning. It was found that ratio between the angle described by the stent
surface| (seeFigure3.2), to the angle described by the stent $lot(seeFigure

3.2), reduced radial and longitudinal recoil but increased the foreshortening and
dogboning. It was also shown that decreasing the strut thickness had an unfavourable
outcome on longitudinal recoil, foreshortening and dogboning. Finally, it was shown
that inceasing the slot length (séegure 3.2) increased the radial recoil. In 2005,
Migliavaccaet al. [19] compared the computed mechanical behaviour of a new
generation coronary stent to the observed experimental mechanical behaviour. It was
found that agreement between the differentltesvas quite satisfactory but some
discrepancies did exist that were attributed to the lack of explicit balloon modelling

in the computational model.
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The expansion process for different stent designs and balloon lengths was the focus
of the work of Wanget al.[20] in 2006. One objective of theonk was to investigate

the dogboning phenomenon and it was found that it could be eliminated through
improved stent geometry and/or varying balloon length relative to stent length. In
particular, increasing the strut width of the end rings in conjunctidim reducing

the balloon overlength minimised the dogboning effect.

In 2007, Xiaet al [21] reported a general finite element med for the analysis of
balloon expandable stents. The method was applied to three different stent
geometries and utilised the repeated unit cell approach, including periodic boundary
conditions, to analyse deployment with a cylindrical balloon. The adgastof the
method are that a much smaller finite element model is required resulting in a much
less expensive computational analysis. In 2008, the same #@ludeveloped on

this work using three types of models, the panel, the repeated unit cell and the
repeated unit cell with a free end. This time the boundary conditions applied
incorporated symmetry, periodicity and free edge conditions. One of the main
conclusions of this wilk was that the repeated unit cell with a free end could capture
the behaviour of the ends of the stent (dogboning) as well as the inner region of the
stent using the specified boundary conditions representing a significant improvement

on the previous work

In 2008, Limet al. [23] analsed the foreshortening and dogboning behaviour of
seven types of coronary stents mounted on folded balloons using the finite element
method. They found that by using stents composed of opened unit cells connected by
bendshaped link structures and by catfling the geometrical features of the unit

cells struts and link structures at the ends of the stent, the dogboning and
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foreshortening behaviour was reduced. This was hypothesised to reduce the risk of

restenosis that could be attributed to dogboningmshortening of the stent.

Shape optimisation of coronary stents was the focus of the studydtyal.i[24] in
2009. This study used finite element analysis in auetjon with optimisation of an
objective function to formulate an optimised design. The objective function was
generated to minimise intrinsic elastic recoil, radial loss and dogboning, while
maximising radial gain. The optimisation process resulted intetations and a

design with improved mechanical properties.

In 2008, De Beulet al.[25] investigated different methods of deployment of a stent

in silico. Free expansion simulations were carried out where the stent was expanded
via a mechanical pressure applied to its inner surface, expansion of an unwrapped
cylindrical balloon and expansion ofta-folded balloon. It was concluded that the
simulations with the trfolded balloon explicity modelled were the most
representative, as there was good qualitative and quantitative agreement with both
manufacturer s dat a an dureevs meer stentaiameter, i n
measurements. Further developing on this approach, Mettadr[26] analysed the
impact on deployment of inaccuracies in stent placement on the balloon. Several
parameters such as: balloon length, folding pattern and relative position of the stent
with respect to the balloon catheter were investigaiéw analyses showed that
balloon length and folding pattern had a significant influence on the uniformity and
symmetry of transient stent expansion. It was also shown that small positioning
inaccuracies can change the behaviour of the stent. For exanmae-cantrally

placed stent results in a strongly asymmetric expansion.
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3.2 Representation of the Artery in Deployment Methods for Coronary
and Peripheral Stent Modelling

The arterial geometry has been represented using a variety of approaches in stent
modeling analyses. These methods can be loosely categorised as being either
idealised or patient specific. In the idealised case, simple geometrical cylindrical
arterial shapes are typically considered; whereas the patient specific geometries are
very realistc portrayals of particular arteries, typically derived from CT imaging of a
particular vessel. Idealised representations of the artery can be either straight or
curved (where curved is taken to including bifurcated vessels). The representation of
arteriesand the evolution of material modelling for the tissue are discussed in the

following sections.

3.2.1 Idealised Straight Artery Models
In an idealised straight artery, the vessel is usually cylindrical in n@&mird0]. This

approach accounts for the bulk of startery modelling analyses. It is the simplest
approach utilised in stent modelling as the positioning of the device is easily
achievable because no bending of the statiteter assembly is required, which can

represent a significant challenge.

In 2004, Migliavacceet al. [27] were one of the first groups to use an idealised
straight arterial vessel to study the interaction of balloon expandable and self
expandable stents with the vessel wall. In this study, the stress state induced in the
vascular wall due to the implantation of different stents was analysed. The effects of
coronary stenosis, atherosclerotic plaque stiffness and stent design were iragestigat

It was found that the balloeexpandable stent induced higher stress in the arterial
wall, although the balloon was not explicitty modelled, compared to the self

expandable stent. A parameter study suggested that increasing the stiffness of the
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plaqueincreased the required opening pressures and hence induced higher stresses.
The degree of stenosis also altered the pressure requirements and hence the induced
arterial stress. The metad-artery ratio was also investigated and a higher ratio
required a dwer opening pressure. This study was also based on perfectly
symmetrical geometries and one twelfth of the stent geometry was modelled in the

circumferential direction and one half in the longitudinal direction.

Petriniet al.[28] developed upon this work in 2005 by performing similar analyses

to investigate the effects of stent geometry on stent recoil, dogboning and
foreshortening, by varying parameters such as strut thickness, strut length ard metal
to-arteryratio. In their previous arterial analyg@31], they considered the stress state

in a partial arterial geomst a one twelfth unit circumferentially, at various stages

of the procedure for both a self expandable stent and a balloon expandable stent,
although again the balloon was not explicitly modelled. The results showed that a
self expandable stent inducedvier stresses and lower damage to the vessel when
compared to the balloon expandable stent. However, the lower stiffness of the self
expandable stent material meant that the design was less capable of restoring the

lumen of the vessel.

Gervascet al.[29], in 2008, studied the effects of different deployment strategies in
modelling balloon expandable stents for both free expansion and confined expansion
simulations, whee a straight unstenosed artery was included. This work explicitly
modelled the expansion of the balloon, although it was not in a folded configuration
at the start of their deployment analysis as would occur in reality. Three deployment
strategies for b&lon expandable stents were examined: pressure expansion,

utilisation of cylinder to expand the stent and a balloon expansion. They concluded
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that the modelling of the balloon is mandatory to reliably estimate the level of injury

caused on the arterial waluring stent expansion.

The deformations of the arterial wall during stenting are also related to the prolapse
of the arterial tissue between stent struts. This feature alters the local blood flow
patterns which have been found to contribute tetémt restenosigll]. The arterial

wall stress state and tissue prolapse were investigated by Gapallin 2009[30]

for five different balloorexpandable stent designs. These designs were expanded in
straight unstenosed vessels and the stress state detkrdduktionally, a prolapse
index (PI) was defined and evaluated. It was found that in comparing the
computational results to clinical data, where available, there was a correlation
between the PI values and restenosis rates. Though admittedly, othés a$fke

designs such as flexibility and metatartery ratio could be having an effect.

The effects of stent design on the stress state in the arterial wall were investigated by
Bedoyaet al.in 2006[31] by varying three key parameters of a generic stent design.
These parameters incled strut spacing, radius of curvature at the crown junctions
and the axial amplitude of the crowns ($egure 3.3). In this work, it was found

from the computational analyses that stents with low strut spacing and low crown
amplitude induced higher stresses over larger areas of the artery than other designs.
Also, stents with large strut spacing, a +mamo radius of curvature and a large
amplitude impsed the lowest circumferential stresses compared to the other designs

considered. All analyses were carried out in straight unstenosed vessels.

Within the same research group in 2008, two of the stent geometries were selected
for further analysis (Timminst al.[32]). This time the effects of material properties

were of significant concern. Specifically, the effects of stent material stiffness and
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stent design on the response of a straight atheroscleessel with 20% stenosis
were investigated. The stiffness of the atherosclerotic tissue was also varied in the
simulations. It was found that appropriate stent design can minimise arterial stress
while maintaining an acceptable lumen size in atherastatevessels. A significant
limitation of this work was that stent expansion was not simulated so elastic recoil of
the device was not captured and the typical high stresses due to balloon inflation

were not represented.

Chuaet al.in 2004[33] also investigatethe response of atherosclerotic tissue to a
slottedtube type stent expansion. The expansion method was via an unfolded
balloon and symmetry was assumed, with only a circumferential quadrant of the
straight stenotic vessel and two axial units of the dieimtg modelled. The authors

did successfully demonstrate the capability to model the expansion of a slotted tube
design within in an artery, showing also the potential areas of high stress in the tissue

during and after deployment.

The response of a sight stenosed arterial vessel to two particular commercial stent
designs, the S7 (Medtronic AVE) and NIR (Medinol/Boston Scientific), were
investigated by Lallyet al. [34] in 2005. The simulation method involved
pressurising the artery to a diameter greater than thheaxpanded stents and then
reducing that pressure to correspond to mean blood pressure to simulate
implantation. This approach meant that the elastic recoil of the stent designs could
not be captured and also the high stresses generated by ballodonirtitatid not be
represented as wit[83]. However, it was shown that there were higher arterial

stresses generated by the NIR stent compared to the S7 design.

67



ChaptefThree

In 2009, Periceviet al [35] investigated the effect of varying plaque properties

the underlying arterial wall stress during stent expansion in straight idealised vessels.
The response of three different plaque types to stent expansion was modelled.
Symmetry was assumed in the circumferential and axial directions, with one
circumferantial quadrant of the straight stenotic vessel and two axial units of the
stent being modelled. The stent was expanded via a pressure applied to the inner
surface of the implant geometry. It was found that higher stresses were predicted in
the arterial wdlfor cellular plagues, while stiffer calcified plaques appeared to play a

protective role by producing lower stresses in the healthy arterial wall.

Within the same research group in 2009, Zahedmanesh and2&]llgxamined the

role of stent strut thickness, with a focus on linking the mechanical stress state
induced by stent placement to-stent restenosis rates. One stent design was
modelled with both thin and thick struts producing two separate geometries. The
balloon was not explicitly modelled and to simulate deployment a pressure was
applied to the innesurface of the device. For two loading cases the arterial stress
state was investigated. For the first loading case, the stents were expanded to the
same initial maximum diameter and for the second case the stents were expanded to
the same final diametetigking recoil into consideration. The thinner strut stent was
found to induce less stress in the arterial wall for the first loading case and it also
resulted in less lumen gain. The second case study showed that the expansion of the
thinner strut stentesulted in acutely higher intimal stresses during loading. The
study concluded that an optimal stent design should recoil sufficiently to prevent

overstressing the vessel whilst maintaining an optimal lumen size.

In 2009, Earlyet al. [42] developed a balloon expandable staréry model to

simulate deployment of the device in a peripheral artery. Symmetry was assumed
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and only a quarter circumfemtial section was modelled. The stent geometry was
based on a slotted tube Palmaz design (see Figure 1.8). As device failure has been
reported in peripheral arteries, joint flexion was simulated by bending the arterial
vessel post deployment to investigdhe effects of bending. Results indicated that
high peak stresses in the artery are located at the distal/proximal end of the stent both
before and after bending. The authors concluded that the slotted tube design gave a
flexibility lower than open celtdesigns and, despite its previous use in peripheral

arteries, is not best suited for placement in an environment where bending will occur.

Another work of note is that of Early and Kell$7] in 2010, where the authors
investigatel the role of stent geometry and mechanical properties on the arterial
stress state in both coronary and peripheral arteries and for balloon expandable and
self expandable stents. In their analyses, it was shown that the balloon expandable
stents inducedibher stresses in coronary arteries compared to peripheral arteries. It
was also predicted that self expandable stents induced higher intimal and medial
stresses in peripheral arteries than in coronary arteries. Both approaches assumed
symmetry within thesystems and the balloon expandable stents were expanded via a
mechanical pressure applied to the inner surface of the device as the balloon was not

explicitly modelled.

An interesting study from Takashimaadt [38] investigated the contact conditions
between two different stents and two arteries, one stenosed one unstenosed, using
finite element and experimental approaches. In the finite elemalyisan the stress

states due to expansion of the stent designs were examined. The contact area ratio
(the ratio between the area of all elements of the stent surface in contact with the
artery and the area of the stent surface) for both stent models whithistraight

arteries was reported and compared with the ratios calculated from the experimental
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measurements. The experimental results were consistently higher than the finite
element results. This was attributed to the method of calculating the egp&im
contact area and possibly to the fact that a straight cylinder was modelled instead of a

folded balloon.

In the work of Guet al. [39], the relationship between arterial stress due to stent
implantation and restenosis rate was investigated. Twé demigns were selected

and deployed in stenosed straight vessels. The balloon was not explicitly modelled
and displacement constraints were used to simulate expansion of the stents. The
results of this work demonstrated that the two stent designs indiftent levels

of stress concentrations in the healthy arterial wall. The stress concentration results

also correlated well with reported clinical data for restenosis rates for each design.

A stent geometry parameterisation study was carried out byePah{40] in 2011.

This detailed work included many variations of stent design such as changes in strut
width, axial strut length, and link curvature. However, the one geometricacbnst
was the stented environment, the stenotic vessel. The main objectives of this work
were to assess recoil, stress distribution, drug distribution and flexibility. The authors
successfully showed how different variations of stent design could be used, fo

example, to minimise stresses and maximise drug delivery.

In 2012, Azaouzet al.[43] modelled the deployment of a self expanding stent inside

an unstenosed artery that was then subjected to pulsatile loading. Levels of stress and
strain in the stent were calculated and could potentially be used to esfnat
fatigue life of the device. The effect of oversizing (the difference between the artery

inner diameter and nominal stent diameter) was also considered. From the results of
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the study, the authors concluded that the strain recovery of the stent adkparitie

amount of oversizing which would in turn affect the fatigue life of the stent.

3.2.2 Idealised Curved Artery Models
Though arteries can be highly complex and tortuous, relatively few researchers have

included curvature in their analyses, with the wasjority representing the arterial
environment as a straight cylinder as discussed in the previous section. This section
presents a summary of works that included idealised curvature or idealised

bifurcations in their analyses.

In 2007, Wuet al. [44] were one of the first groups to model stent expansion in a
curved vessel. A symmetrical model was assumed and half of a stenotic curved
vessel was modelled. Also modelled for comparison was a straegiutis vessel,

one eighth of which was modelled due to symmetry assumptions. Stent expansion
was simulated by applying displacement constraints to the inner surface of the
device, as the balloon was not explicitly modelled. No bending simulation of the
stent for the curved vessel was carried out. In reality, the stent would not be
delivered into a curved vessel completely straight, due to the tortuous path to the
coronary arteries. To accurately present the stress state of the device in the stenosed
region bending along the delivery path should be modelled. Despite this limitation,
the authors were able to successfully model straightening of the vessel and noted that

stress was higher along the inner curvature of the curved vessel model.

Also in 2007, Wuet al.[45] were one the first groups to examine the behaviour of a
self expanding nitinol stent in an idealised carotid bifurcation. Two stent designs
were modelled in their analyses. The first represented a segmented stent with six

units and the second had shod#ut lengths and nine units. Results indicated that
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the shorter stent struts resulted in higher radial force levels on the arterial tissue.
Shorter struts also allowed more conformation of the stent with the tortuous vessel

geometry.

Another work that exained the behaviour of stents in a curved vessel is that of
Kaisiri and Kelly[46]. In this study, an evaluation of the effectiveness of using a
multiple segment stent rather than a single long stent in a curved weergarried

out. A double stented segment was shown to be more flexible and to result in less
recoil than the single long stent. However, in the models the stents were assumed to
be straight as no bending simulation was carried out. Also the balloon was no

modelled; the vessel modelled was unstenosed and the curvature was quite slight.

In the work of Mortieret al. [47], the focus was on evaluating a technique for
modelling balloon expandable stents in the bifurcatessel. The impact of using
different balloon sizes and stent designs was also investigated. The evaluated
technique involved stenting the main branch and then using a balloon, positioned
through the side of the stent, to inflate the side branch. Therautbncluded that a
different technique might be more suitable for the stent designs considered. In this

work, no lesion was included in the analyses.

Another work dealing with idealised bifurcations is that of Gastildi.[48]. In this

work, different balloon inflation strategies were analysed and also the effettstof s
positioning for accessing the side branch of the bifurcation were examined. The
effects of strut positioning correlated well withvitro tests carried out by Ormiston

et al. [49] which illustrates the accuracy of finite element predictions. However, the

geometry of thdesions represented was not diffuse along the bifurcation, as would
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be expected, and there was no smoothing or tapering at the edges which could lead to

unrealistic stresses at the stenotic edges.

3.2.3 Patient Specific Arterial Models
The final category of art@l models to be discussed is that of patient specific. These

are typically generated from CT scans o
finite element mesh of the vessel in question is then created. While this represents a
significant area of resech, it still only captures the response of one particular

individual to the implantation procedure. In this section, the advances in this area of

modelling are summarised.

One of the earliest published studies in this area is from Holzetpdel[S0] in 2005.

The vessel in question was an iliac artery which was broken down into eight vascular
tissues, forming a fundamentally straight stenotic vessel, into which different stent
designs were gdoyed. Many factors were varied, such as stent design, strut
thickness and stefirtery radial mismatch. A very detailed arterial model was
created but the balloon expansion was not explicitly modelled as a mechanical
pressure was applied to the innemstsurface to simulate deployment. The authors
defined scalar indicators which allowed for a better judgement of the performance of
stents used for a specific artery. Numerical studies allowed for changes of these
indicators as a function of certain pardere such as stent cell type, geometry of
stent strut and stent cell, and the mismatch between the smallest lumen diameter in
the stenosis and the expanded stent diameter, a crucial parameter in clinical practice.
The indicators were essentially measurethe mechanical stresses produced during

the expansion, which should be as small as possible, and of the lumen gain, which

should be as large as possible.
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Kiousiset al.[51] in 2007 also used a patient specific arterial vessel in their study of
different stent implantations. The vessel was divided into four material sections. In
their simulations, an unfolded cylindrical ballooasuvnflated for stent implantation,
however, only one unit cell along the axial direction was modelled so the results
were limited to this section. The performance of each stent was characterised by
scalar quantities relating to stress changes in theyadentact forces, and changes

in lumen area after stenting. The study concluded by suggesting two optimal stent
designs for two different clinically relevant parameters: lumen gain and the induced

stress level in the tissue.

Another work in this area iat of Gijsenet al. [52] in 2008 who simulated stent
deployment in a mildly curved mildly stenosed arterial vessel. The balloon was not
explicitly modeled and a mechanical pressure was applied to simulate expansion of
the devicein silico. The stent was placed in the straightest section of the vessel so
that no bending simulation was required. The results showed the deformed
configurations, the pressuhemen area relationship and stress distribution in the
arterial wall and stent struts. The method presented in this work could be applied to
predict stresses in the stent struts and the vessel wall, and thus used to evaluate

whether a specific stent designoptimal for a specific patient.

Harewood et al. [53] used a multiscale methodology to assess failure in the
deployment of coronary stents. In this work, the macroscale simulations carried out
compared the implantation behaviour of a particular stent design in an idealised
straight vessel and a highly curvederial vessel generated from a healthy right
coronary vessel. A bending simulation was carried out to allow the stent to be
positioned within the curved vessel, unlike previous works which typically placed a

straight stent in the most convenient sectidnthe realistic geometry. The main

74



ChaptefThree

limitations of the macroscale simulations were that the balloon was not explicitly
modelled and the choice of a healthy coronary vessel meant no stenosis was
modelled. The results gave an insight into failure risks fdferént stent
implantation scenarios: stent failure was considered to be unlikely in deployment in
tortuous vessels, however, there may be risks associated with certain bifurcational
stenting techniques such as Adsintallgo st er
deployed in the side branch with its proximal end remaining in the main artery. A
second balloon is then inflated in the main artery, crushing the portion of original
stent that remains in the main artery and allowing the deployment of adssiamt

in the main branch. I n the Acrushod si mul
straight strut that was not designed for bending, but undergoes bending and

stretching during the distortion of the stent.

Zahedmanestet al [54] compared different deployent strategies for balloon
expandable stents in a realistic coronary vessel to determine an optimum modelling
strategy. This work compared the explicit use of a folded balloon to the use of a
mechanical load applied to the inner surface of the stent Bodpaoposed an
alternative pressure deployment method that utilised connector elements that
restrained the stent as the desired diameter was achieved. It was concluded that the
balloon should be explicitly modelled to predict the stresses during impbembait

that the final stress state could be predicted using the restraining element approach.

In one of the most advanced simulations in the area of patient specific modelling,
Mortier et al. [55], in 2010, presented a deployment strategy used to simulate
implantation in a realistic unstenosed arterial vessel with significant curvature. The
simulation involved a bending/positioning stage prior to inflation of the balloon

caheterstent assembly in the complex vessel. Three stent designs were investigated
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using the methodology. The study found that vessel straightening occurred and that
the compliance mismatch at the stent ends induced stress concentrations which it was
concluled that this may be a cause of adverse biological responses. However, the
main limitation of the work was that an unstenosed vessel was selected so the

response of a stenotic vessel was not captured.

3.2.4 Evolution of Material Models used for the Healthy Arterial Wall
In the confined expansion simulations discussed in sections-3.2tk healthy

arterial wall has typically ranged from being a single layer, isotropic, homogenous,
hyperelastic materigdR7,28,31 33,35,3739,44,47,52,53]to a multilayer isotropic
material structurg¢29,30,3640,46,48,54]and onto a multilayer anisotropic material

structure accounting for the presence of collagen fia@%1,55]

Modelling the arterial wall as a single homogenous materiaktent simulation
purposes has been the most common starting point for arterial representations in the
literature [27,28,3133,35,3739,44,47,52,53] However, this approach does not
capture the individual mechanical strsssin response of each layer. It has been
shown experimentally that the strestgain responses of each layer arey\dfferent

[56]. This approach therefore cannot accurately predict the arterial stress state

during a virtual implantation.

The next main advance in arter@nstitutive modelling in stenting simulations was
the representation of the individual layers in the arterial wall, the intima, media and
adventitia, as isotropic hyperelastic materia@8,30,36,40,4818,54] These authors
typically adopted constitutive laws that had been fitted to experimental data, for
example the works of Loreet al[57] and Leeet al. [58], to derive the necessary

material propertiesdescribing the laws. However, it has been shown that the
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behaviour of the individual healthy arterial layers is highly anisotrff§8¢ due to
the presence dibrous tissue, consisting mainly of elastin and collagen fibrils. State
of-the-art studies, in the context of steartery interactions during implantation, use

material models that account for the anisotropic nature of the arterigb@#ll,55]

3.2.5 Experimental Testing of Atherosclerotic Tissue
In contrast to the healthy arterial wall, the characterisation of atherosclerotic plague

tissue has received less attention. Reportsexgferimental test results for the
mechanical properties of atherosclerotic tissue are infrequent in the literature. This
can typically be due to the difficulty in obtaining the tissue and the lack of a robust
animal model that is representative of the aégein humans. Since the representation
of atherosclerotic tissue is of significant interest to this thesis, a brief review of

experimental characterisation of the tissue is presented here

In 1991, Leeet al. [58] published a study on the cyclic compressive behaviour of
human aortic atherosclerotic fibrous caps. The fibrous cap of atherosclerotic tissue is
the component responsible for separating the necrotic core from the blood stream.
Some stdies suggest that fissuring or fracture of this fibrous cap is what leads to
unstable coronary artery disedS8i 61]. This can cause a cascade of events such as
thrombus formation and myocardial infarction. Lee andvookers examined the
mechanical properties of 27 fibr@waps obtained from the abdominal aorta. The
fibrous caps were taken from atherosclerotic lesions, which were classified as
cellular, hypocellular or calcified. It was found that hypocellular fibrous caps were 1

2 times stiffer than cellular caps and da&d caps were 4 times stiffer than
cellular caps. All 27 fibrous caps demonstrated an increase in radial stiffness with

increasing frequencies of stress. It was concluded that the stiffness of fibrous caps
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from human atherosclerotic plaques is reldatethe underlying histological structure

of the specimen.

The mechanical properties of whole atherosclerotic human plaques, which were
classified as either cellular, hypocellular or calcified, were examined by kbmde

[57] in 1994. The static circumferential tangentdub of 26 aortic plaques were
studied. The response of the tangent modulus of each specimen to variation in
increasing applied circumferential tensile load was investigated. It was found that
there was great variation in the calculated tangential moduh fall samples at a
25kPa applied stress. All 26 specimens demonstrated a statistically significant
increase in tangential modulus with increasing applied stress. It was concluded that
the static circumferential tangential modulus of atherosclerotiaplagnot affected

by the degree of cellularity and calcification as determined by histological
characterisation. It was also concluded that all the specimens exhibited strong
anisotropic and notinear properties when comparing the tensile circumferential

moduli to that of the radial compressive moduli reported byelted[58].

Also in 1994, Loreeet al. [62] investigated the mechanical properties ofdelo
atherosclerotic lipid pools. The contention of this research was that the mechanical
properties of the lipid pool are critical in determining the stress in the lesion and that
variation in the composition of the lipid pool can occur in the atherosiclero
regression process. The mechanical properties of different lipid combinations,
similar to those observed in atherosclerotic lesions, were examined. The dynamic
shear moduli of combinations of cholesterol monohydrate crystals, phospholipids
and triglyceides were measured. It was found that increasing the cholesterol
monohydrate concentration from 0% to 50% increased the real component of the

dynamic shear modulus by 4.5. It was also found that all specimens demonstrated an
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increase in stiffness with ineasing frequencies of stress. It was concluded that the
stiffness of the model pool is related to the concentration of the cholesterol
monohydrate crystals. It was thought that the increase in relative content of these
crystals, which typically occurs dag early regression, may result in stiffening of

the lipid pool and in reducing the stresses in the fibrous plague cap.

In 1997, Topolesket al.[63] examined the different mechanical responses exhibited
by atherosclerotic aortic plaques with different compositions, and focussed
specifically on radial compressieehaviour. The specimens were characterised as
fibrous, calcified or atheromatous (lipicth). Specimens were subjected to
monotonic and cyclic compressive loading. From their data, it was concluded that
the atherosclerotic plaques exhibited compositeomd historydependent nonlinear

and inelastic responses under finite deformations.

In 2001, Salunkeet al. [64] investigated the timdependent response of excised
human atherosclerotic plaques subjected to uniaxial relaxation tests in radial
compression. This was a development on the previous paper by Topoleske
workers [63]. The specimens were characterised agrotis, calcified or
atheromatous. The mode of loading was hypothesised to be similar to what the tissue
is subjected to during inflation of a balloon catheter. It was found that, despite
differences in plaque type, the overall responses during relaxatiengualitatively
similar. It was also found that relaxation is significant and differs for different
classes of lesion. It was concluded that this was evidence for treating plaques

clinically based on composition and not just the degree of obstruction.

The nanomechanical properties of calcification, fibrous tissue, partially calcified

tissue, and hematoma from atherosclerotic plaques was the focus of the study carried
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out by Ebensteiet al.[65] in 2008. Fourier transform infrared (FTIR) spectroscopy
was used to quantify the amount of minenadl lipid in each tissue region tested with
a nanoindenter. It was found that the stiffness of the plaque tissue increased with
increasing mineral content. Importantly, this was the first reported experimental data
on the mechanical properties of athelesatic calcifications, and it showed that the
estimated modulus values commonly used in computational models greatly

underestimate the stiffness of fully calcified tissue.

In 2009, Barrettet al. [66] investigated the mechanical properties of carotid
atherothrombotic fibrous plaque caps using indentation techniques. The elastic
properties of the specimens were estimated by fitting the measured indentation
response to finite eleemt simulations. It was found that the measurements were
comparable to the static radial compression tests of dieal. [58] discussed

previously.

Also in 2009, Maheet al.[67] investigated the tensile and compresgiroperties of

fresh human carotid atherosclerotic plaques. The majority of previous studies
mentioned report the properties of the tissue removed following autopsy. This work
used fresh human carotid plaques removed during endarterectomy that were teste
within 2 hours. A total of 50 radial compressive and 17 circumferential tensile
uniaxial tests were performed on samples taken from 14 patients. Plaques were
classified as calcified, mixed or echolucent (lipich). The data indicated that the
tissue wa highly heterogeneous and that the mechanical properties varied
significantly between specimens obtained from individual donors and between
donors. The results of this study showed that calcified plaques had the stiffest

response and that echolucent pkguvere least stiff. It was also found that there
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may be a difference in behaviour of samples taken from different anatomical

locations (common, internal and external carotid artery).

In 2011 Lawloret al.[68] also investigated the cinmferential tensile properties of

fresh carotid plaques. A total of 14 specimens were obtained from the
endarterectomy procedure and separated into three grades of stiffness, hard, mixed
and soft, according to their mechanical response. Individual ang graterial
coefficients were then generated analytically using a Yeoh strain energy density
potential. The ultimate tensile strength of each sample was also recorded. A large
variation in ultimate tensile strength was found for the specimens. It was tigted

the data might be used in the design optimisation of next generation medical devices

for the treatment of diseased arteries at the carotid bifurcation.

Also in 2011, Maheret al. [69] published a constitutive model to describe the
inelastic behaviour of atherosclerotic plague based on experimental tegpilag)uwé
specimens. The mathematical model derived will be discussed later in this chapter.
Fresh human carotid atherosclerotic plaque specimens were subjected to cyclic radial
compressive loading. These specimens were classified as mixed, calcified or
echducent. From the results of this study it was found that there was an
approximately linear increase in plastic deformation with increase in the peak
applied strain for all plaque types. While calcified plaques were the generally the
stiffest, it was alsodund that the clinical classification of plaques had no significant

effect on the magnitude of plastic deformation on unloading.

3.2.6 Computational Modelling of Atherosclerotic Tissue
Discussed above was the available experimental data that is in the public domain for

atherosclerotic plaque tissue. It is studies like these that aid us on the quest for
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understanding of the complex disease that is atherosclerosis. Having the ftest up
date and representative data is crucial with regards computational modelling of the
biomechanical response to procedures such as intravascular stenting, as it is this
modelling that allows us to further our insight into the biomechanics of this diseased
tissue. These computational models have developed significantly in previous years
and the following is a summary of the achievements to date in this area and also the

limitations of the analyses carried out.

There are typically two classes of simulation cakrait involving atherosclerotic
tissue. These are simulations involving analysing the effects of the stenting
procedure on the tissue or simulations of the effects of blood flow on the diseased
tissue. The latter will be presented in terms of the geométised and the material
models used (even though these studies do not explicitty model the stenting
procedure, they are included in this section as they are also of interest to this thesis).
The former has been discussed in previous sections with the docstent behaviour

and arterial shape. These works with atherosclerotic tissue present will be
summarised here; this time with a focus on the geometry and material models used
for atherosclerotic tissue. The developments and trends observed in beds dbs

simulations will then be discussed.

In 1989, Richardson et dI70] were the first group to model atherosclerotic plaque
using finite element techniques. To investigate the types of atherosclerotic plaques
that fissure and where they fissure, plaques from 85 patients who had died from
coronary thrombosis were examined histologically. Several 2D idealised parametric
crosssections of atherosclerotic vessels were then developed, containing varying
guantities of Ipid pool and calcifications. A pressure loading was then applied to the

vessel interior. The results indicated that when eccentric lipid pools were present,
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stresses were concentrated at the plague cap, especially near the edge (or shoulder)
of the plaque.When the lipid pool occupied less than 15% of the vessel
circumference, and when the plaque cap was less stiff than the adjacent normal
intima, the point of maximum stress was over the centre of the plaque. It was also
shown that the distribution of ciroderential tensile stress across the intima was
significantly altered by atherosclerotic plaques. Regions of high circumferential

stress correlated well with the site of intimal tears found at necropsy.

In 1992, Loreeet al. [71] investigated the effects of variation of fibrous cap
thickness on peak circumferential stress in finite element models of atherosclerotic
vessels. It was the intention of this study to investigate the mechanisms behind
plaque rupture. The geometrical models used were 2D idealisedseaigms of
atherosclerotic lesions containing plaque tissue and a lipid pool surrounded by a
healthy arteal wall. Linear elastic properties were assigned to the plaque and artery,
which assumed to be orthotropic. The lipid pool was modelled as isotropic and with
aYoungds modofudg he/ BGAaeri al circumferent
idealised models we designed to test the effects of plague geometry on
circumferential stress fields in the diseased vessel. Also, a sensitivity analysis was
carried out to examine the effect of varying the orthotropic material parameters on
the maximum circumferential gs. From the results of the study, it was found that
reducing the fibrous cap thickness dramatically increased peak circumferential stress
in the plaque, whereas increasing the stenosis severity decreased the peak stress in

the atherosclerotic tissue.

In 1993, Chenget al. [72] examined the distribution of circumferentistress in
ruptured and stable atherosclerotic lesions using the finite element method. Their

intention was to test the hypothesis that plaque rupture occurs at sites of high
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circumferential stress in the diseased vessel. Histological specimens from 12
coronary artery lesions that caused lethal myocardial infarction were compared with
those from 12 stable control lesions. The 2D geometries used in the analyses were
generated from digitised tracings of the specimens. The geometries were broken
down into filrous, calcified and lipid sections. The material properties were the same
as those used in Lore al.[71]. Thecalcifications were modelled usingYa un g 0 s
modul us that was ten times higher than
plague. It was found that the maximum circumferential stress in the plagues that
ruptured was significantly higher than the madim stress in the stable lesions. It
was also found that plaque rupture might not always occur in the region of highest
stress, suggesting that local variations in the plaque material properties could

contribute to plaque rupture.

Over a decade later in @6, Li et al.[73] performed finite element stress analyses of
five vulnerable carotid plaques based on geometries derivedifremo magnetic
resonance imaging (MRI). A vulnerable plaque was defined as a large soft lipid pool
covered by a thin fibrous cap. The 2D modeisre assigned material properties
representative of the fibrous cap, lipid pool and vessel wall properties and the region
properties assigned correlated with histology for plague characterisation. The
components of the plague were modelled as isotropicompressible and
hyperelastic materials undergoing large deformations under pulsatile pressure
loading. The results of the simulations predicted high stress concentrations at the
shoulders and the thinnest fibrous cap regions of the plaque. It was aso thiat

larger relative stiffness of the fibrous cap to the lipid pool resulted in higher stress

within in the cap region.
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In 2009, Tanget al. [74] published a study investigating if local critical stress
correlated better than global maximum stress with features linked to atherosclerotic
plaque vulnerability. Critical stress was defined as the greatedteomaximum

principal stress values. 206 2D slicesimfvivo MR 6s o f carotid at
plagues from 20 patients were acquired for model construction. Each slice was
segmented into vessel wall, fibrous cap, lipid pool and calcified regions, whieh we
modelled as notinear, isotropic and hyperelastic. A modified MoofRiylin strain

energy density potential was used for the material model. The results from the study
showed that the localised critical stress value had a much better correlation with
plaque morphological features, known to be linked to plaque rupture risk, compared

to global maximum stress conditions.

Also in 2009, Tanget al. [75] tested the hypothesis that high structural stress in
atherosclerotic carotid plaques may contribute to plaque disruption using 3D fluid
structure interaction (FSI) models. The computational isodere developed from

in vivo MRI data from 12 patients scheduled for endarterectomy procedures.
Histology confirmed that five of the 12 plaques had ruptured. The vessel properties
were modelled using the same approach as the above[WijrkThe results of the
study showed that plaques with prior ruptures were associated with higher critical
stress conditins, both at ulcer sites and when compared with nonruptured plaques. It
was concluded that, with further validation, plaque stress analysis might provide

additional stress indicators helpful for imaggsed plaque vulnerability assessment.

In 2012, Wonget al. [76] studied the effects of calcifications, lipid core elasticity,
andfibrous cap thickness on the mechanical stability of plaque, using 2D and 3D
numerical models. The constituents of the vessel wall were assigned orthotropic

linear elastic material properties. Finite element analyses showed that the distance
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between the acium agglomerate and the fibrous cap should be small to maintain
plaque stability. It was also demonstrated that increases in calcium content, which
are typically coupled with a decrease in lipid core volume, can stabilise plague

structurally.

Also in 2012, Cillaet al.[77] performed 3D parametric finite element analyses to
investigate the role of axial and circumferential residual stresses in piagfuee.
Geometrical parameters studied included lipid core length, stenosis ratio, fibrous cap
thickness and lipid core ratio. The plague constituents were modelled as isotropic
materials and the healthy wall was considered as anisotropic with two fawilie
fibres. The results predicted that the fibrous cap thickness, lipid core length and the
lipid core width were key morphological parameters in determining the maximum
principal stress (MPS). It was also predicted that the stenosis ratio did not have a
significant role in vulnerability related to the MPS. To examine vulnerability, results
were compared with a threshold stress value that was adopted from the results of

Loreeet al.[57].

The second class of simulations, involving the effects of stenting on atherosclerotic
tissue modelling, will now be presented. Many of these papers have been discussed
in previous sections with a focus on the stenting approach and the material modelling
method for the healthy arterial wall. However, these studies are reintroduced with the
focus now on the atherosclerotic tissue geometry and material models used, as the

representation of the stenosis is of significant concern to this thesis.

In 2004, Chuaet al. [33] were one of the first to model stent deployment in a

stenosed vessel. The ideatisplaque and artery were assumed to be linear elastic
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and isotropic materials. Symmetry was assumed within the model and a half length

axially and a quarter unit circumferentially were simulated.

Also in 2004, Migliavacca et al[27] improved on|[33] by comparing the
performance of a balloon expandable stent and a self expandable stent in a diseased
vessel with differen stiffnesses associated with the plaque tissue material model.
The idealised plague was assumed to be a hyperelastic and isotropic material.
Symmetry was assumed within the model and a half length axially and a one twelfth
circumferentially. The parametstudy to alter the stiffness involved changing the
coefficients of the polynomial hyperelastic constitutive law. It was found that
increasing the stiffness of the plaque required a higher pressure to expand the stent

and consequently higher stresses vpeeglicted in the vessel wall.

In 2005, Petriniet al.[28] compared the performance of a balloon expandable stent
and a self expanding stent in a stenosed vessel. The idealised plaque and artery were
assumed to bkyperelastic and isotropic materials and, again, geometrical symmetry

was assumed.

Also in 2005, Holzapfelet al. [50] analysed the changes in the mechanical
environment of a stenotic artery dugirstent implantation. The patient specific

mo d e | generated is, in the authorodés opin
representations of a diseased vessel to be stens#iico. High resolution MRI was

used to generated the 3D geometrical motleé vessel wall was divided into eight

layers representing the adventitia, the «degeased media, the ndiseased intima,

the fibrous cap, the lipid pool, the calcifications, the diseased intima and the diseased

media. These eight regions corresponaetistological examination of the diseased
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vessel section. The material parameters used were obtained by fitting the Helzapfel

GassetOgden anisotropic hyperelastic mofié8] to experimentatiata[79].

In 2007, Migliavacceet al. [80] investigated the expansion and drug elution of a
coronary stent in a diseased artery. The idealised plaque and artery were assumed to
be hyperelastic and isotropic materialgnetry was assumed again, this time with

a half circumferential vessel modelled. The deformed artery and stent were then used

as input geometries for a drug elution analysis.

Also in 2007, Kiousiset al. [51] published a study on the interaction of vascular
stents with human atherosclerotic lesions. The diseased vessel was divided into four
sections representing the adventitia, thedia, the intima and a lipid pool. The
arterial wall was modelled as anisotropic and hyperelastic, while the lipid pool was
assumed to isotropic. The geometry was generated from MRI scans of a diseased
vessel. Two initial tears in the intimal shouldertioé geometry were introduced to
investigate fissuring and dissection of the plaque, which is thought to occur
sometimes in balloon angioplasty and stenting. From the results, it was predicted that

the highest stresses were reported in the vicinity ofeties t

In 2008, Timminset al. [32] investigated the effects of stent design and
atherosclerotic plaque stiffness on artery wall biomechanics. The stenotic artery was
modelled as an axisymmetric diseaseessel. The plaque was modelled as
hyperelastic and the coefficients of the strain energy density potential were scaled to
produce a material that was 0.5, 1.0, and 2.0 times as stiff as the arterial material
model. The results indicated that the stresthe arterial wall depended on both stent
design and plaque properties, with the differences between stents being more

pronounced for the stiffer plaques.
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In 2009, Pericevieet al. [35] examined the influence of plaque composition on
underlying arterial wall stress during stent analysis. Three types of plague w
investigated: cellular, hypocellular and calcified. The coefficients of the polynomial
strain energy density potential were fitted to the experimental data generated by
Loreeet al.[57] for each classification of plaque. Symmetry was assumed within the
arterial model wh a third section circumferentially and half section axially
simulated. The results indicated that the variation in plaque properties caused
significant difference in the stress distribution in the healthy arterial wall, suggesting

the need for lesion sgific stents.

In 2010, Gastaldet al.[48] investigated the effects stent positioning in a stenosed

coronary bifurcation. For the first time, the plaque was assumed to behave as a
hyperelastic and perfectly plastic (where a stress plateau is reached at a certain strain
value) material. This method aimed to limit thedocarried by the atherosclerotic

tissue, allowing a more representative stress distribution in the healthy arterial wall.

The stress plateau, or yield stress, was fixed at 0.4 MPa supposedly according to the
rupture stress value reported by in Loegel [57] in 1994. Havever, this value is

not explicitly reported from Loreeds st

investigated.

Also in 2010, Guet al. [39] examined the relationship between arterial stress and
restenosis rate after stenting with two different stesigns. The plaque and artery
were assumed to behave as hyperelastic and isotropic materials. Symmetry was
assumed in the idealised geometries, with a half unit axially and a half unit
circumferentially modelled. Three levels of stenosis were simuldikd. results
showed that as the stenosis level increased the maximum stress and its gradient on

the arterial wall varied significantly, more than doubling for both stent designs. For a
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constant stenosis level, it was found that the stress concentratitwesarterial wall
due to deployment of one stent design were more than twice than those induced by
the other design. This correlated well with reported restenosis rates for the respective

stent designs.

Zahedmanesht al.[54] published a study simulating a balloon expandable stemt i
realistic stenosed coronary artery in 2010. The aim of this study was to determine an
optimum modelling strategy for stent deployment. The patient specific coronary
vessel was created from digitised 3D angiography images. The plague was assumed

to be ahyperelastic and isotropic material.

In 2011, Pantet al. [40] performed a parametric study for the optimisation of
coronary stents. The geometry of the idealised stenosed vessedpramistant for

the analyses. The plague was assumed to be a hyperelastic and isotropic material.

In 2012, Garcieet al. [81] investigated the influence of geometrical parameters on
the radial force of two self expanding stents in a stenosed vessel. The idealised
stenosed vessel was modellahi@ining a lipid core and also a calcified core. The
plague properties were modelled using the anisotropic Holz&aeteitOgden

hyperelastic potential.

From the above summarised studies the following trends and developments in

atherosclerotic lesion metling have become apparent:

1 The geometry of the atherosclerotic models has moved from 2D to more

advanced 3D representations.
1 The geometries generated have varied from highly idealised to patient

specific models of the atherosclerotic tissue.
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1 The atheroderotic tissue has changed from being represented as a
homogenous continuum to heterogeneous tissue consisting of constituents
such as a lipid pool, calcifications, fibrous cap and connective tissue.

1 The stressstrain relationship for the plaque tissue daseloped from being
linear elastic and isotropic to ndinear elastic and anisotropic.

The implications of this will be discussed in reference to this thesis in the final

section of this chapter.

3.3 Soft Tissue Damage Models
As mentioned previously in section 3 of Chapter Two, stress softening has been

observed experimentally in various types of soft fibrous biological tissue including
atherosclerotic plaque. Francescheti al. [82] showed that human brain tissue
deforms similarly to filled elastomers under uniaxial cyclic loading, exhibiting the
Mullins effect. A study by Pefat al. [83] investigated the mechanail softening
process of prolapsed human vaginal tissue. The softening associated with large
strains and loadingnloading scenarios was attributed to the Mullins effect. Ciarletta
et al. [84] developed a pseudwyperelastic model to represent the hysteresis
observed experimentally in cyclic tensile loading of porcine tendons. This hysteresis
may be attributed to the Mullins effect. In a study by Maéeml. [69], cyclic
compressive tests, in strabontrol mode, were carried out on human atherosclerotic
tissue. On unlading, significant stress softening and permanent deformation were
observed in the tissue which may be attributable to a combination of the Mullins
effect and permanent set. This section of the literature review is dedicated to
describing the various constiive models that have been developed to describe this

softening phenomenon.
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In recent years, there has been an increased interest in the modelling of the soft tissue
in the suprephysiological domain. Several authors have developed constitutive
theoriesto represent the damaged behaviour of soft biological tissue in this domain.
Typically coming from a continuum damage mechanics framework, much of the
work in this area has developed from research into the modelling ofdtaegye

elastic rubbery materigl The following sections, 3.33, are devoted to discussing
representations of soft tissue damage models and relevant large strain elastic damage
material models.The core differences between continuous and discontinuous
modelling approaches that are dseill be examined and the reviews dedicated to

their comparison discussed.

3.3.1 Discontinuous Damage Evolution Models
As defined in Chapter Two, discontinuous damage model assumes that damage

accumulation only occurs within the first cycle of a stremtrolled loading process.
With this type of damage model, further strain cycles below a maximum effective

strain energy do not have an effect on the material response.

One of the earliest models for the representation of discontinuous damage, in
particular the Millins effect, is that of Ogden and Roxburgh from 1988)]. This

model was developed for particular application to dillebbers which under cyclic

loading exhibit a stress softening behaviour referred to as the Mullins effect. The
model was telmsditpsasdd he materi al resp
forms of strairenergy function on primary loading and uadiing. This terminology

was also used by Fung for similar observations in the context of biological tissue

[86].
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Within this formulation the constitutive model is based on the strain energy density

potential and has thelfowing form
Y_hhk Y_h %o — (3.1

where, the strain energy density potential, is a function of the damage parameter,
—, and the principal stretches and_ . "Y is the strain energy density potential for
the initial virgi nk—o,referiied to dsahadagnage tunctoa, t e r i

is a smooth function of its argument and satisfies the following condition
% p TS (32

The condition of EquatiofB3.2) means that for an undamaged material the response
of the material is that of the initial virgin materi@gden and Roxburgh suggested

the following for the evolution of the damage function
%o — GAOA - p Y (3.3

where Y represents the strain energy density function at a point m at which
unloading has most recently been initiated from a primary loading @paéimdi are
positive material constants afdO 4D is the inverse of the error function. The
physical interpretations fakx andi are as follows: the parametelis a measure of

the extent of the damage relative to the virgin statedacdntrols the dependea of

the damage on the extent of deformation.

Numerical simulations of simple shear and tension tests, using the model, exhibited
the main qualitative features of the Mullins effect. The model, though subjected to

only uniaxial numerical testing, is apgdible to multiaxial states of stress and strain.
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Although the Ogden and Roxburgh mod@&5] was introduced in 1999 for
application to stress softening in rubber, there were attempts made prior to this to
model stress softening in biological tissue. One of the first constitutive theories
incorporating damage with application to arteries was developed by Hokanson and
Yazdaniin 1997[87]. In this work, a damage model was applied to an isotropic
strain energy potential that was fitted to experimental data for bovine coronary artery

tisste. The evolution of the damage functiéfa proposed is given in Equati¢8.4)

%0 p | Agb—= 34

where| and] are experimentally determined parametérss a scalar cumulative
damage term;O0O is a hardeningoftening function and is the dissection
equivalent strain magnitude. Below a threshold strainno damage is assumed to
occur so%ohas a value of unity. When the strain is equal to dissection equivalent
strain%ohas a value ofero indicating complete failure. However, in reality, failure

would occur below this threshold strain.

A model for anisotropic damage was developed by Balznal. [88] with
applications to soft tissue in 2004. Damage was assumed to occur only in the fibre
direction. It was biomechanically motivated by the breakage of collagenlorkss
during overexpansion of arterial vessels. The damage vari@hleyas shown to be

a function of the orthotropic undamaged component,of the free energy. It was

proposed to have the following form

) (35)
oY t p Agp!
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wherel andf are material constants and the subsdrigfers to values for each

fibre. The internal variable has the following form
I OO6bPb 7Y 'AEHh (3.6)

where the sup function represents the least upper bound of thé .sdtimerical
simulations of cyclic tensile tests showed the main characteristics observed in

experiments.

Further developments on this model were carried out by the same authors in 2006
[89] to include residual stresses with application to circumferentially overstretched
atherosclerotic arteries. When axial segments of arteries argvsliphenomena are
generally observed. If they are cut transverse to the axial direction they shrink and
when they are sliced in the radial direction they spring open. Hence, due to these
observations there must be some residual stresses in the closeatednl
configuration. Balzanet al. [89] worked to include these residual stresses in their
damage model as a better representation of the arterial stress state. In their numerical
approach, a radially sliced artery was closed rideo to obtain the deformation
gradient at each integration point associated with the residual stresses. Then the
nodal coordinates and the deformation gradient at each integration point were stored.
The second part of the analysis used a closed axialesggmith the same nodal
coordinates and deformation gradient as was stored. This was then loaded in the
supraphysiological domain to attain a realistic stress state. The authors successfully
showed that their damage model could be utilised in 2D repedwaTg of arterial

overstretch.

An extension of the work of Ogden and Roxbuf@8] was carried out by Pefia and
Doblaré[90] in 2009. Their moel used the approach of Ogden and Roxburgh but
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was capable of reproducing the softening behaviour of anisotropic soft biological
tissue. Their claim was that the model combines simplicity and applicability, making

it a good candidate for modelling stresftasning of tissue.
The softening variable; , presented if90] is given in Equatior(3.7)

Y Y 3.7
- p Pros& - 8 (57)
I | ry

In Equation(3.7), | T, | M, andf T are material parameters with the
following physical meaning: measures the damage suffered by the material, a
value of zero means the material suffers the largest aniourg,a measure of the
extent of the damage relative to the virgin state, similar to the comstaBiquation

(3.3), and forr  a zero value returns the model to the original model of Ogden and
Roxburgh[85], and a norzero value reduces the stiffness of the unloading path. The
subscript,k, indicates the parameters for the various components of the tissue, i.e.
matrix and each family of fibresPefia and Doblarg90] also carried out
experimental tests of human vaginal tissue and ovine vena cava tissue to test their
model. The comparison of experiment and simulation showed good agreement in

both cases.

Another approach following the pseudtastic basis was that of Mahatral.in 2011

[69]. This research examined the responsecarfotid plague tissue to cyclic
compressive loading. The test data was characterised using a constitutive model that
accounts for both permanent deformation and stress softening. The fundamental form
of the constitutive relationship expressed in term€atdichy stress,, was given as

follows
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., p O, ., 8 (3.8)

In Equation(3.8), , is the initial loading stress and is the inelastic stress which
is activated only upon certain criteria being fulfilled. The evolution of the damage

variable,0, is given by he following equation

o Y A (3.9)
0

O] ohY A - p AgBb

where— and“Care material constants ando is the maximum value of the initial
loading strain energy density functiolY, , in the loading history. The constitutive
model proposed in the study resulted in a consistent quality fit with experimental
data. However, several limitations were acknowled&®&d, such as lack of tensile

testing of the specimens.

A further work byPefia[91] introduced a rate dependent anisotropic damage model
for fibored materials for application to soft biologiciésue. The rate of damage

evolution is given as follows

o ‘LB a@nfo EFE mATEJA mg (310
T I OEAOxEOA
In Equation(3.10) * is the damage viscosity coefficierit, 3 is the viscous

damage flow function an is defined in Danto and Wd®2] for the matrix and

fibres, 'Q f HO is the function that characterises the damage evolution, fvith

being the damaged energy release rate (please refer to section 2.3 for further
definitions). Finall, the subscript,k, indicates the parameters for the various
components of the tissue, i.e. matrix and each family of fibres. The model was
evaluated in several numerical applications and it was found that it was able to

capture the typicaltsessstrain behaviour of soft biological tissue.
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A recent study by Weisbeckeat al. [93] reported the results of layspecific
damage experiments and modelling of human aortic tissue. The damage modelling
approach was based on the pseealdstic method and damage accumulation was
considered in the matrix and fibres. For the case that coadiddamage
accumulating in both matrix and fibres, it was found that hysteresis was not
produced in the nenollagenous matrix. Hence, for the first time, this study showed
evidence that the predominant mechanism of damage accumulation in human aortic
tissue is in the fibre direction. This has important implications for other soft
biological fibrous tissue. A good agreement was found between the model
predictions and the experimental data when damage was considered in the collagen

fibre fabric.

3.3.2 Continuous Damage Evolution Models
As defined in Chapter Two, continuous damage moidéds into account the whole

strain history of the deformation process to allow continuous damage accumulation.
In 2006, Rodrigueet al. [94] published astochastiestructurally based continuous
damage model for fibrous soft tissue. The model used a simple isotropic damage
mechanism to describe the softening behaviour of the matrix material and also
included statistical aspects related to the length digtoib of the reinforcing fibres

to describe the damage model for the reinforcing material. The equivalent strain
within the collagen fibres was considered a random variable and assigned a Beta
probability density function. The model contained nine parameieur of which are
related to the structure of the tissue and five to the mechanical properties of the
constituents. The model was applied to a biaxial test and a tesiension test,
which illustrated the potential of the model for capturing sdftofus biological

tissue behaviour.
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Calvoet al.[95] developed an uncoupled deterministic directional damage model for
fibred soft biological tissue in 2007. The evolutiof their damage variabl&p, was

defined as follows

o Ao P EHE (3.11)
Qo E &£
p AP . E

In Equation(3.11) the subscript and superscriff,can refer to either the matrix or
fibres, is the strain energy at initial damage for the constituent material and
is the strain energy at total damage for the constituent material, arsla
material coefficient. Numerical simulations were carried out using the model which
included stretching of a thin perforated square plate, damage of human medial
collateral ligament during valgus knee loading, damage of arteries after balloon
angioplasty and damage after arterial clamping. Good qualitative agreement was

found between the simulati results and experimental results for the medial

collateral ligament and arterial examples.

Alastruéet al. [96] compared the two previous mod¢®st,95] just described in a

study in 2007. In numerical simulations a uniaxial test, stretching of a thin perforated
square plate and damage of arteries after balloon angioplasty were carried out. The
simulations showea@ similar performance for both models. It was also noted that
due to the number of parameters involved in fitting the stochastic model of
Rodriguezet al.[94], the numerical fit was laborious and the computational cost in

finite dement simulations was expensive.

In 2009, Ehretet al. [97] published a model to describe the anisotropic softening

phenomenon associated withcty loading of soft biological tissue. In numerical
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examples, the model was applied to simulate the preconditioning behaviour of soft
tissue exposed to cyclic loading, where preconditioning is usually characterised by
pronounced softening and hysteresigre in quasstatic experiments; after some
cycles the response stabilises and approaches a -stadely The results suggested
that the general characteristics of preconditioning with different upper load limits are
well captured including hysteresis amesidual deformations. A model for the
Mullins effect was obtained as a special case and showed good agreement with

experimental results on mouse skin.

Also in 2009, Brinkhuegt al.[98] published a model for the simulation of damage
hysteresis in soft biological tissues. With their approach the damage vabahlas
incorporated into the strain energy density function, enabling them to obtain
remanent strains ft@r unloading. The model results were compared with
experimental data for cyclic uniaxial tensile tests on carotid artery medial tissue. A

good correlation between the experimental data and model predictions was achieved.

More recently, Balzanket al. [99] introduced a constitutive dmework for the
modelling of damage in collagenous soft tissue with application to arterial walls. It is
known that residual deformations are obtained due to fpsiological loading if

a certain load level is exceeded in soft tissue. The main goalkeolvork was to
define a construction principle for damage models that accounts for residual strains
after unloading. Similar to the approach of Brinkhwesal. [98], the damage
variable, D, was incorporated directly into the strain energy density function to
obtain residual strains after unloading. The damage vari@blgas assumed to have

the following form
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1 Tp | 3.12
of 0 p A@D%T (312

whereO N mip hi ¥ mip hy 1@ The only material parameter is the value of
the internal variabld, , which is reached at a certain fraction, of the maximal
damage variableO, for a fixed maximum load level. The internal variable,is

defined by the following equation

(3.13)
rhao 1 OxEOE aq O00Qi

wheref is the internal variable at an initial damage state in order to make sure
that the damage evolution starts when entering the glysiological domain, the
Macaulay bracketsufy are a notation used to describe the ramp function. The time
associated witlthe loading history is denoted by 8 Mo~ a defines the current
loading situation. The model represented the experimental response with reasonable
accuracy. Numerical modelling of overstretching of an axial segment of
atherosclerotic vessel was alsorl out. It was noted that although the quantitative
results were not to be determined as realistic, due to lack of experimental data, a

significant influence of axial residual strains was identified.

Also published in 2012 was the work of Martin and Ja60] that looked at
modelling of longterm fatigue damage of soft tissue including stress softening and
permanent set effects. The particular application waptumsthetic heart valves that

are pone to structural deterioration due to fatigue. In this model damage due to the
number of loading cycles was considered, in contrast to other models described in
this literature review, where equivalent strain is generally only considered. The

unfatiguedmaterial properties were assumed to follow a Fiypg strain energy
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function. It was also noted that during the fatigue process, irreversianmping

of collagen fibres induced a permanent set in the tissue. Two parameters were
introduced to define #hboundaries of the fatigue evolution zone and a distribution

of the number of cycles to failure was presented. The permanent set within the tissue
was assumed to linearly accumulate during each loading cycle, at a given equivalent
strain. The model predions were compared with experimental data for uniaxial
fatigue testing of glutaraldehydeeated bovine pericardium. A good correlation was

achieved with the experimental results.

3.3.3 Reviews Comparing Continuous and Discontinuous Damage Models
Miehe [101] looked at discontinuous and continuous damage evolution in ©gden

type large strain elastic materials in 1995. The author explained the discontinuous
damage effect as being related to the maximum effective strain energyis In th
approach, no damage accumulation occurs for values of the-astr@igy inside a
damaged domain. However, Miehe mentions that experimental investigations of
filled polymers indicate that a damage accumulation also occurs for strain cycles
which have vales of effective free energy below the maximum value of the past

history.

The major aim of this study was to take into account experimental observations and
propose an additional contribution to the damage evolution (Mullins type
discontinuous damage ewtbn), governed by the arclength of effective strain
energy. This part of the damage was assumed to accumulate continuously during a
cyclic loading history. The second aim of the work was to formulate the damage
model for general Ogdetype elastic mateais. The total damage was described by

the following expression
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Q Q| Q1 8 (3.19)

In Equation(3.14), Q and’Q are monotonically increasing smooth functions with
the propertiesQ m m™Q m mandQ B Q B N 7ip. They can be
considered as shape functions that relate the damage varkble, the new
variables,| andt , which describe the discontinuous and continuous damage,

respectively.

Using numerical simulations of simple tension, pure shear and equikiiexsbn,

the differences between discontinuous and continuous modelling was shown.
Hysteresis was apparent with both approaches but the reloading path differed from
the unloading path with continuous damage. As would be expected also, the
continuous damagmodel tended to result in a softer modulus than the discontinuous

approach.

In 2009, Penaet al. [102] published a study on continuous and discontinuous
damage modelling, discussing the Mullins effect and hysteresis observed in fibred
biological tissues. Their model was an extension of the approach of Mighle see
Equation (3.11) and following discussion. Using numerical simulations, three
approaches were compared: discontinuous, continuous, and mixed (continuous and
discontinuous). For a biaxial tension example, #@swiound that in the purely
discontinuous damage case it was easy to detect the characteristic Mullins effect with
damage only occurring during the unloading process. On the contrary, in a purely
continuous damage case, damage occurred in both loadingirdodding that
increased faster in the initial loading history than at the end. Finally, in the mixed
damage case, damage strongly increased under loading, whereas during unloading

damage was lower when it became close to a stabilised value. In anotreicalm
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example, examining the softening behaviour of arteries, the comparison between
experimental test and simulation showed a good agreement for the mixed model,
where hysteretic and Mullins behaviour was produced. However, continuous and

discontinuous rmdels were not able to reproduce the inelastic response of the aorta.

The discontinuous model reproduced the Mullins effect and not the hysteretic

behaviour while the continuous model was able to model the hysteretic response but
not the Mullins effect. Osrall, the mixed model produced a good qualitative

agreement between numerical and experimental results.

3.4 Current Trends in Stent Modelling
This literature review has been dedicated to reviewing solid mechanics approaches to

modelling coronary angeripheral stent implantation techniques. Also presented has
been a review of damage models that characterise the phenomenon of stress
softening in soft biological tissue. However, the area of stent modelling is vast and
not confined to the above objectsr@and approaches. A number of other areas in

stent modelling are touched upon here, for completeness of the discussion.

Advanced computational fluid dynamics techniques have been utilised by several
authors, for examples s¢E03i 107], to capture the complex blood flow patterns in
stented regions and also to examine the wall shear stress. It has been shown that
disruptions to the normal blood flow pattern and also a low wall shear stress can be

associated with kstent restenosigl08,109]

A new generation of commertiatents are emerging today that are classified as
biodegradable stents. These can be composed of absorbable metals or polymers. The
characterisation of these new materials has been investigated by several authors and

applied to stenting simulations, faxamples segl10i 112].
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Drug eluting stents, biodegradable or permanesm, have issues of coating (which
elutes the therapeutic drug compound) debonding. If this hajpgpens and a piece

of coating breaks away from the stent, it leaves the patient at risk of a- micro
embolism and potential thrombus formation. Hoplehal. [113] used finite element
modelling to simulate how differenbatings debonded from stent geometries. The

results showed good correlation with experimental images of the debonding process.

Finally researchers have also investigated the elution of drugs from coated stents into
the arterial wall and surrounding blofidw, for examples sed14i 116]. The aim of
these studies has been to characterise drug elution rates and design compounds that

optimised elution times clinically.

3.5 Current limitations of Stent Modelling Approaches
This chapter has presedta thorough review of stent modelling approaches for two

distinct categories: unconfined expansions (no artery modelled) and confined
expansions (artery modelled). However, from the review of this literature, it is

obvious that there are certain limitat®in these approaches to stent modelling.

The main limitation of the unconfined expansion of stents is the lack of a
physiologically representative environment, i.e. the artery is not modelled. The
purpose of the stenting procedure is to expand blockeuliad vessels and the
absence of the vessel itself in simulations does not capture the realistic deployment
characteristics of the device. However in saying this, there is valuable information to
be ascertained from free expansion simulations such aaxihe foreshortening,
dogboning, radial recoil and flexibility, amongst others. These are important
parameters to be aware of but fully capture the predictedivo response to

implantation an arterial vessel needs to be included in the analyses.
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There ae also several limitations to existing approaches that have included the
arterial vessel in their analyses. The predominant limitation in the analyses is the
lack of comparison between different arterial vessel model representations. This is a
critical pant as no two humans or their vasculature systems are identical; so why
should one arterial model be enough to capture the implantation of the device? This
is a question to be asked of arterial models that are patient specific or idealised. To
ascertain aepresentative picture of device performance, it is the contention of this
thesis that it should be assessed across a range of arterial vessels that capture

variation across the population.

Another significant limitation in many studies is the lack ohets present in the
arterial vessel model. In reality a healthy vessel is not stémtédo so thein silico

representation should account for the presence of atherosclerotic tissue.

To achieve a representative physiological environment in simulati@ne is the
requirement that the constitutive material models used should capture the true
material response. Often arterial tissue is considered as isotropic, however, due to the

presence of collagen fibres, it is known to be highly anisotropic.

The lackof explicit representation of a balloon within the analyses can also be
considered a significant limitation within certain studies. The lack of an explicit

balloon model means that an accurate depiction of arterial stress state is not captured.

While the limitations of current studies have been listed above, it must also be
acknowledged that these studies have made significant breakthroughs in the world of
stenting through thorough examinations of different aspects of device performance.

However, this thas aims to integrate the shortcomings of previous works and
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address them in a new approach for device assessment. This framework that

addresses all the previously discussed issues, will be presented in the Chapter Four.

Also to be considered is the repneisgion of the atherosclerotic tissue in the
analyses. No comprehensive assessment has been carried out on the effects of the
elasticity model used for the atherosclerotic tissue in a stenting simulation. Damage
modelling techniques have been reported iwithis chapter but they have not been
applied to atherosclerotic tissue behaviour in an advaincsdico representation of

stent deployment in a stenosed vessel. In this work, a discontinuous damage model
will be applied to the behaviour of atherosctardissue. This is selected over a
continuous damage modelling approach as it can be readily fit to experimental data
for this tissue type. Finally, the inclusion of the typical constituents of the plaque, a
lipid pool and calcifications, has not beenrthughly investigated in the context of
stent modelling. These limitations in current research will be addressed in Chapter

Five.

It is the aim of this thesis to build upon previous studies and address their limitations
to develop a framework that gives néwsight into the biomechanics of coronary
stent implantation and present a methodology for assessing new and emerging stent

designs.
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Figure3.1 A) Axial cut through stent geometry. Insert labels the main

features of the geometry, B) slotted tube stent geometry in
unexpanded andxpanded states,-iL open cell stent design

and Gii) closed cell stent design.
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Figure3.2

16 mim

Example of an unexpanded slotted stent; I: length of the slot,
s: thickness) -g angle described by the metalsurface,) 5:
angle described by the slot and D: outer diameter; finite
element mesh for a quarter of model slotted stent also shown

[18].
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o

Figure3.3

Generic stent showing the three parameters of interest: h is the
connector bar length (or strut spacing),is the radius of
curvature at the crown junctions, and f is the axial amplitude.
These three parameters were varied to test #ffgcts on

artery wall stress [31].
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4 Computational TestBed

4.1Introduction
As stated previously in Chapter One, ischaemic heart disease is the major

international cause of deafli]. The reduced blood supply to the heart muscle,
characteristic of the disease, is usually caused by atherosclerosis of the coronary
arteries. The evolution of the stenting procedure has significantly iregreve

clinical treatment of atherosclerosis. Howevessiant restenosis, when the stented
vessel lumen becomes reblocked, has been a significant issue with coronary stents
[21 7]. Drug elding stents (DES) have contributed significantly to the prevention of
restenosig8], however, recently high instances of late stent thrombosis have been
reported for DES9], causing ae@newed interest in stent geometrical design to

address the restenosis issue.

It is well documented clinically that placement of a stent can injure the vessel it is
treating, which can lead to the formation of neointimal hyperplasia asterm
restenods, for examples sg&0i 12]. Engineers who have modelled the implantation

of stentsin silico have noted high mechanical stresses within the arterial vessel
beings stented13], a thorough review of which has been presented in Chapter
Three. Another contributing factor to restenosis is thought to be stent fribdiire

16]. To reduce the risk of wstent restenosis due to arterial stress related factors,
more comprehensive evaluation of coronary stent mechanical performance in the
design phase is necessary. The generation of a computational framework to facilitate

such an evalueon provides the first motivation for work presented in this chapter.
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Il n April 2010, the United Statesd Food
report e ndlinical | eagtheerimdN tests and recommended labelling for
intravascular stentsanda oci at ed d d17]i Mherepprt ssipersedes the 0
guidance of a previous report with the same title released in 2005. This previous
report was critiqued by Lanzet al.[18] who gave suggestions for the impement

of these standards. Of particular interest to this work is Section 9 of the current
report which outlines the strestrain analyses to be performed for approval of a new
stent design. Despite improvements in the 2010 report relative to the 2609&ny

the standards are still relatively imprecise in relation to the role of blood vessel
geometry in stent stresdrain analyses, and the range of geometries that should be
considered in these analyses, to generate an accurate depiction of device
performancein vivo. This provides the second motivation for the present work; in
particular, the generated computational framework will be used to assess the
importance of blood vessel geometry in stent stsérssn analyses, and to give
insight into the dege to which vessel geometry should be specified in stent

assessment standards.

The use of computational modelling in the clinical domain is well established for
coronary stents. It has been developed as a viable alternative to the difficult and
expensie experimental analysis and evaluation of stent deployment for assessing
performance[19]. Computational modelling of the deployment procedure can
provide valuable insights into the mechanical behaviour and perfornéacgiven

stent design. A review of such modelling is given in Martin and B30 and a

discussion has also been presented in Chapter Three of this thesis.
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As described previouslyfpr coronary applications there are typically two types of
stent: self expanding stents (SES) and balloon expandable stents (BES). These can be
baremetal or drugcoated, and permanent or biodegradable. Of particular interest to
this work is the assessmesftBES but the computational framework presented here

could also be utilised for the assessment of SES.

While significant advances in stent deployment simulations have been realised in
recent years, as discussed in Chapter Three, there still is a need for a practical
computational framework for assessing stent performance that captures a range of
populationcategories, which is more general than patient specific, yet more realistic
than a single idealised arterial structure. The generation of these popajsofic,

enhanced realism arterial geometries is a third motivation for the present work.

Againstthis backdrop what is proposed here is to generate a computatiodzdest
that has the following features:

1 A systematic, purposefully chosen, variation in arterial curvature

1 A range of realistic stenosis sizes

1 A choice of mechanical properties for tlepresentation of the stenosis

1 A selection of material parameters for representation of the healthy artery

This will allow for a systematic assessment of stent mechanical perforimasiteo

that is reasonably representative of the expected performance nange of
anatomical geometries. The computational-best is then used to investigate the
mechanical performance of coronary stents, with a focus on BES. Two stent designs

representative of the closeell Cypher stent (stent A) and the opmail Multi-Link
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stent (stent B) are considered. The issues of populagieaific geometries, effects
of stenosis severity, yield behaviour of atherosclerotic tissue, and effects of arterial
curvature are considered. The resulting new insights for stent modelleng a

discussed and implications for FDA guidelines are considered.

4.2Computational Model Formulation
The models and methods implemented are discussed in the following sections with

the specific geometries and meshes for the major components aksbeblies

being discussed first and then the constitutive material models used for each
assembly component. The commercially available Abaqus/Explicit solver is used for
the finite element simulations. The finite element mesh densities quoted below were
arrived at following mesh design and convergence studies, within the constraints of
numerical problem size practicality. Significant development studies were also

carried out and are presented here.

4.2.1 Geometrical Models

4.2.1.1 Non-Atherosclerotic Arterial Tissue
Three levels of arterial curvature are modelled in theliedf straight, moderately

curved with a tortuosity index, TI, of 0.1 and a severely curved segment with a Tl
equal to 0.3. The Tl of a segment is calculated as showigire 4.1(a), where
060A066 represents the curved arc | ength
[21]. A Tl varying between zero and 0.1 represents natural curvature and a Tl of 0.3

or higher represents arterial torsity.

For further information on the calculation of the TI the reader is referrétytoe
4.2, which shows angiographic images of a diseased artezssel preand post

stenting[21]. lllustrated inFigure4.2 is how the calculations of radius of curvature,
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angulation and TI of a vessel are performed. It is important to note also that due to

the 2D nature of the image, no out of plane curvature is consideresigaltulation.

It is assumed that the wall thickness of each segment is 0.5 mm and this is equally
divided into three sections representing the intimal, medial and adventitial layers.
These dimensions fall within the range of experimentally measuredhicdhesses,

as reported by Holzapfet al.[22]. The inner diameter of each unstenosed segment

is assumed to be 3.0mm.

To create the curved geometries, the straight segments were mapped from a
Cartesan to a cylindrical coordinate system. Tkey, and z components were
mapped to, d andz components, respectively. The resultant geometries are depicted
in Figure4.1(b), with each row representing an increasing level of curvature from
top to bottom. Each segment was meshed with 3D reduced integration linear
continuum elements, C3D8R, with the mesh density varying between 80000 and
180000 for the hetly arterial wall. A thin outer layer of shell elements, S4R, is
also included in the arterial models to represent the physiological environment in

which an artery would be embedded.

4.2.1.2 Atherosclerotic Arterial Tissue
The plaque tissue is idealised as seflipsoidal in shape with the point of

maximum blockage reaching two levels of arterial cismstional area stenosis: 50%
and 60%, at the midection. These values were chosen as key stenosis levels for the
study. Gaild et al. [23] found that coronary flow begins to decrease with stenosis
greater than 50%. Another study by Jadtial [24] found correlations between

fractional flow reserve (FFR) and stenosis level. FFR measurement is an established
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method of deciding if a lesion ma$ss reached a critical value. It relates the
pressure differences across the stenosis, and once an FFR value[®4or%ess is
attained a stent is usually implanted. Jasti found that an FFR value of 0.75 correlated
to a range of area stenoses: mean 49% + SD 19%, asretkdmuintravascular
ultrasound (IVUS). These two studi¢®3,24] have motivated the choice of key
stenosis levels for the present work, i.e. 50%, corresponding to the measurements in
Gould et al. [23] and approximately the mean in Jasti al [24], and 60%,
corresponding to an area stenosis in the higher range of that repof@4].iicach
plaque section was meshed with 3D reduced integration linear continuum elements,
C3D8R, with the mesh density varying between 50000 and 70000 for the diseased
arterial wall. The final arterial geometries generated are showigime4.1(b), with

each column representing an increase in stenosis level.

4.2.1.3 Mesh Sensitivity Study
In the initial creation of the arterial meshes used inthebtestd a A fr eed me

approach was utilised, due to the complexity of the geometry involved, when the
lesion was present. This involved the use of tetrahedral elements, C3D4, in the mesh.
Howeer, it is generally advised to avoid first order tetrahedral elements as much as
possible in stress analysis problems; the elements can be over stiff and exhibit low
convergence with mesh refinem¢®5b]. This isespecially a problem with firgirder
tetrahedral elements. If used, an extremely fine mesh may be needed to obtain results
of sufficient accuracy. For this reason a different meshing approach was investigated.
By patrtitioning the complex geometry into alker more regular shapes, dégure

4.2, a structured mesh which uses hexahedral elements, C3D8R, could be

implemented.
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Another distinct advantage oking hexahedral elements is that reduced integration

type elements could be utilised. With this type of element, the strains and stresses are
calculated at the locations that provide optimal accuracy. They also decrease CPU
time and storage requiremertse to a reduced number of integration points being
utilised. However, one disadvantage of this type of element is the phenomenon of
Ahour gl assingo. This means that defor mat
integration points can occur. This caropagate throughout a mesh and result in
inaccurate solutions. To prevent this problem, in the Abaqus finite element software,

an additional artificial stiffness is added to the element, as part of the hourglass

control procedure, that is associated wittozenergy deformation mod¢26].

Although seconébrder elements can provide higher accuracy in Abaqus/Standard
than firstorder elements, this is generally for analyses that do not involve complex
contact conditions, impact or severe elemeistodtiions. In the case of balloon
expandable stent deployments the contact problems encountered are indeed complex
and for this reason firgirder elements were selected. Also in Abaqus/Explicit only

reduced integration first order elements are availfanlthe hexahedral geometry.

Various mesh densities were examined to find a converged solution for the pressure
expanded stent simulations (to be discussed below). Showigime 4.4 are the

final three structured meshes, HX3 with 38994 elements, HX6 with 119168 elements
and HX9 with 130064 elements. The von Mises stress distribution for a pressure
expanded stent is shown for each of the three stegttmeshes. The convergence
criterion was that the maximum von Mises stresses converge within 5%. This was
obtained with the HX9 mesh, relative to the HX6 mesh, and thus became the SAL50

(straight artery with a 50% lesion) model for the-tesd.
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Strainbased convergence criteria were also implemented. The convergence criteria
were that the maximum and minimum principal strains (logarithmic strains)
converge within 5%. Using the same three meshes as above, this was obtained with
the HX9 mesh, relative tthe HX6 mesh, with an even closer agreement: the strains
were within 2% agreement in both the maximum and the minimum principal strain

comparisons.

A similar approach was taken to achieve the SAL60 (straight artery with a 60%
lesion) and the SA (straighttary) arterial models. In the initial stages of this work
another higher level of stenosis was used in the straight arterial section of the test
bed, SAL70 (straight artery with a 70% lesion). However due to difficulties in
placement of the stewfitheterassembly in a curved 70% stenosed model a stenosis
of 60% was introduced in its place at later stages in this work. As a 60% stenosis was
in the upper range of the area stenoses reported byelaaiti[24] for a critical
masses of lesions needing intervention, it was felt the use of this model was

justified.

The meshes for the curved geometries (MCA, MCAL50, MCAL6E0, SCA, SCAL50
and SCALG60) were created by the mapping of nodes from a cartesian coordinate
system to a cylindcal coordinate system. The mesh densities were deemed
acceptable based on the mesh sensitivity studies carried out on the equivalent straight

meshes.

4.2.1.4 Stent
Two generic stent geometries are used in this study representative of different classes

of commercally available stent geometries, and which are based on the Cypher

closedcell and MultiLink opencell commercial stents. The CypHée stent is
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referred to as stent A and the Mdlink-like stent is referred to as stent Bigure

4.5 shows an illustration of the geometries of each stent design. The geometries were
meshed with 3D reduced integration linear continuum elements, C3D8R, with the
total mesh densities reaching approximately 200000 elements. The meshes generated
were comparedvith published mesh densiti¢87,28] for similar stent designs and

were deemed acceptable based on these comparisons.

4.2.1.5 Stent Delivery System
The balloon catheter and guidewire delivery system are based on designs presented

in the work of Mortieret al.[28]. The guidewire has a diameter of 0.2 mm and the
catheter is modelled with a diameter of 0.22 mm. The balloon in its unwrapped
configuration reahes a diameter of 3 mm. The wrapping of the balloon is simulated

by the method outlined in Larocle¢al [29].

In this method, the mesh configuration of the wrapped balloon is constructed by
mapping the nodes of the deployed balloon onto a wrapped configuration, as
illustrated inFigure 4.6. Points0 on the deployed balloon of radigsare mapped

onto pointsd of the folded balloon of inner radiWsand outer radiuga Pointsd

can be expressed in polar coordinatés— and pointsd as i Fu-. A fold starts at
pointd and finishes at point , this is for aypical fold, or any one foldThe angle

I betweerd and0 is calculated by the following equation

%o B GO (4.1)
C O O

where%o ¢ 7¢ andé is the number of folds. The angle betw&erand0 is given

by
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€
e

(4.2)
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The angles and radii of poinbs are mapped onto pointis using the following rule:

If — 1h then
T__ 4.3
%o
A 4.4
IH—- T—_8 (44)
If — | B then
f %0 . 0 (4.5)
— %] % — %o
. . 0@ (4.6)
— %
| Ho— w T % 00

Using the above methodology a trifolded balloon (n=3) was generated and

positioned on the catheter assembly.

4.2.2 Constitutive Modelsand Numerical Implementation

4.2.2.1 Non-atherosclerotic Arterial Tissue Material Model
Each layer of the arterial vessel, which consists of the intima, media and adventitia,

is modelled as an anisotropic homogenous body following the model proposed by

Gasseetal. [30].

This model has been shown to capture the strong stiffening effect of the collagen
fibres, observed experimental[f2] within each layer at high levels of loading,

which is captured by the exponential function in equai®). This model has also
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been shown to generate a very good correlation with experimental test data-for non

atherosclerotic tissye?2].

The behaviour of each can be broken down into two terms and the strain energy

potential may be written as
Y v Y (4.7)

which is the sum of an isotropic terfY, , related to the matrix material of the
tissue and an anisotropic terflY, , related to the embedded families of collagen
fibores. The model was described in Chapter Two but the strain energy density
potential is presented here again as a reminder to the reader. The isotropic and

anisotropic components are defined as follows
Y 0 o (4.8)

- (4.9)
Y - AgBId p ol d p p
h

where'® 0 TAis the first invariant of the modified CauciBreen tensorA

0 A with volume raticd A A%O mtand'Ais the CauchyGreen tensor, and
'O ayfia @ is a tensor invariant equal to the square of the stretch in the

direction ofay ; as defined previously in Chapter Two. The material paramkters

andll v TP

g are dimensionless, wherelsandp have the dimensions of stress.

Table4-1 summarises the values ug@d] and the uniaxial tensile responses of the
individual layers, in the circumferential and axial directions, are illustrat€ejure

4.7.
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A thin outer layer of shell elements is also included in therial models to
represent the physiological environment in which an artery would be embedded. This
outer layer is considered to be isotropic and to be linear elastic in terms of finite
deformation strain and stress measures. It is given a Young's Madius 50 kPa

and a Poisson's Ratio gf= 0.3 and assigned a thickness of 0.1 mm. A similar
approach was applied by Harewoetdal. [32] so that physiologically representative

boundary conditions could be applied to the artery.

4.2.2.2 Atherosclerotic Arterial TissuéMaterial Model
The three types of plaque: cellular, being soft and fibrous, hypocellular being lipid

rich and calcified, typically being very stiff, are modelled as isotropic homogenous
bodies. It was assumed that they followed a third order Me&ndin hyperelastic
constitutive representation. This thgavas introduced in Chapter Twdnet specific

form of this equation is repeated here to remind the reader and is as follows

Y 8§ O o 6 O o 6 0O ¢ 6 0O 0 O o

0 O ¢ (4.10

whereO tAandO ™t A O® are the first and second invariants of
the CauchyGreen tensor and are the hyperelastic constants. The hyperelastic
constants used are those fitted by Periceval.[33] to the experimental tensile data
for each plaque type by Lore¢ al.[34]. These constants are givenTiable4-2 and

the uniaxial tensile responses of each plaque type are illustrategline4.8.

For reference, the reader is also directed toWagdre 4.9 which gives the original
stressstrain plot published by Loreet al. [34]. One can obsee that in the low
strain range (10%) the individual data points for each category of atherosclerotic

tissue are difficult to distinguish. The implications of this with regards fitting
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material models and the impact on the simulation results analgsdisnussed in

section 4.3.3.1.

A parameter study was carried out to investigate the effect of inclusion of a yield
stress on the results. From the work of Loeeal. [34], a large variation in failure

stress was observed within each plaque type. For this reason a frgeld stresses

was investigated to represent the wide range in physiological behaviour of the tissue.
Perfect plasticity was assumed as a first approximation of damage within the tissue
and also to act as a stress limiter within the region. The yieddssts investigated

were 0.2, 0.4 and 0.8 MPa and the results for these are compared to the response of a

pure hyperelastic atherosclerotic tissue.

The inclusion of a yield stress in the model was to limit the load carried by the
atherosclerotic tissue arnichprove stress redistribution in the healthy arterial wall.
This was assumed to be more representative ointive/o behaviour of the vessel

wall; as the load that can be supported by the diseased atherosclerotic tissue will be
limited. This method is atraightforward approach at this point and a more focussed
study on atherosclerotic plaque modelling will be presented in Chapter Five. Based
on the substantial review of damage modelling for soft tissue, a discontinuous
damage modelling approach for atbeslerotic tissue will be presented in Chapter
Five. As a first step in this process the inclusion of a yield stress was deemed

acceptable for the work presented in this chapter.

To facilitate the analysis and the reporting of the results, the alibeeosclerotic
tissue descriptions are cl| asdnedrieclasdie as co
0.20 which refers to a hypey=606L 2MPia¢ mdne

linear elasticO . 4 0whi ch refers to a éldgressefl ast i c
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0y=0. 4 MP alinearfelasti®d . 80 which refers to a hype
yield st0e8MPaf and Ahyperelasticd which
plastic yield included. Within each category the percent vessel recdéfiation of

which is given later in this chapter) of the three lesion types (cellular, hypocellular

and calcified) was investigated.

4.2.2.3Numerical Implementation: Incompressibility of Hyperelastic Materials
In modelling studies, arterial tissue is generally considered to be hyperelastic and

incompressible, for examples 484,35,36] However in reality its behaviour can be

viscoelastic (strain ratdependent)37] and can display compressibilit§8].

In Abaqus/Standard, through the use of hybrid elements, fully incompressible
materials can be modelled. In Abaqus/Explicit however, it is not possible to assume
that the material is fulljincompressible as the program has no mechanism for
imposing such a constraint, with the exception of plane stress and uniaxial cases. As
Abaqus/Explicit was the solver used in the finite element simulations presented for
balloon expandable stent aysg¢s he compressibility assumption was deemed
acceptable in this context. However the extent of compressibility is investigated in

this section to examine the differences in material response.

In Abaqus/Explicit, if no value of compressibility is specified lefadilt the program
assumes an initial bulk modulus,, to an initial shear modulus, , ratio, R, (see

equation (4.11)) of 20.

0
v 2 (4.11)
oY (4.12)
PY ¢
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AnRval ue of 20 corr es poohOHsg5 as givenaby djuation s o n 0 <
(4.12). However unfilled elastomers haWevalues in the range of 1,000 to 10,000

(¥ = 0.4995 to 0.49995) and filled elastomers haalues in the range of 50 to

200 ¢ = 0.490 to 0.497), this default can therefore provide much more

compressibility than is available in most elastomers.

The Abaqus documentatigd5] recommends when using ndefault values of the
ratio, R, tha an upper limit of 100 should be used. Larger ratios introduce high
frequency noise into the dynamic solution and require the use of excessively small
time increments leading to drastic increases in simulation run times. The effects of
the variation of tk ratio, R, were investigated for a third order hyperelastic
polynomial material model for cellular atherosclerotic tissue, and the results are

presented in section 4.3.

4.2.2.4 Stent Material Model
The elastic behaviour of both stents is considered to be lindaisatropic in terms

of finite deformation stress and strain measures as discussed in Chapter Two, with a
Youngbds MBduR09® &Pa and Rei0.28 Blasticity isRat i o
described by isotropic hardenidgflow theory, where the specific form of the strain
hardening curve is taken from McGamtal.[39], including a yield strength of 264

MPa and a UTS of 584 MRa an engineering plastic strain of 0.247. Both stents are
modelled as the biomedical grade stainless steel alloy 316L. This methodology is
consistent with the general approach taken in the literature for stent deformation, for
examples segl0i 42].

4.2.2.5 Numerical Implementation: 2xmping Parameter Study

The mass proportional Rayleigh damping coefficiddthas been used in previous

balloon expandable stent analygds]. This damping coefficient defines mass
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proportional damping; it gives a damping contribution proportional to the mass
matrix for an element. The use of this parameteans that unrealistic diameter
fluctuations during the unfolding and expansion of the balloon are avoided through
energy dissipation. These fluctuations can also occur in the arterial wall when the
Abaqus/Explicit solver is used, due to numerical isstiesavoid this in the analysis

the Rayleigh damping coefficient can be applied to the arterial wall.

A parameter study to investigate the effects of using this coefficient and to select a
final value was carried out using a reduced arterial mesh (471D8RC8lements),

with no lesion present, and a reduced stent model (one circumferential unit with
2808 elements), which was expanded by the direct pressure method. The ends of the
artery were pinned in all three directions. A pressure was applied to tmesunface

of the stent and three nodes on a axially central plane were constrained to prevent
rotation circumferentially and translation axially (highlighted in yellowFigure

4.10). The geometries used and the stages of expansion of the model are depicted in
Figure4.10. The inner diameter of the stent segment was expanded to 3 mm using
the same pressure in all cases. Three Rayleigh damping coefficients were
investigated and compared with the results for no damping in the arterial wall. The
coefficients utilised were 30@00 and 500, and the results are presented in section

4.3.

4.2.2.6Stent Delivery System Material Models
In the balloon expandable stenting simulations, a semmpliant nylon balloon

mounted on a high density polyethylene catheter positioned using a nitideline
is used. Each are modelled as behaving as linear and isotropic in terms of finite
deformation stress and strain measures, similar to the approach documented in

Mortier et al [28]. The guidewire deformations are assumed to be small and

143



Chapter~our

superelastic properties of nitinol are neglectédble 4-3 summarises the elastic
constants for each component. Included als@able 4-3 is the mass proportional
Rayleigh damping coefficient) psed for each component in the delivery system. As
stated earlier, for the balloon in particular, this means that unrealistic diameter
fluctuations during the inflating and unfolding of the balloon are avoided through

energy dissipation.

4.2.3 Boundary Conditions & Loading

4.2.3.1Magnitudes of Pressures used in Loading Simulations
The deployment pressures used in this work were determined by free expansion

simulations (straight stent and no artery) with the condition that an inner stent
diameter of 3 mm be reached. $hwas required so that the inner diameter of the
stent would be the same as the inner diameter of the unstenosed sections of the

arterial vessels, modelled later in this work.

Two methods of expansion were investigated for stent A: the direct pressuoelmeth

where a pressure was applied directly to the inner surface of the stent, and the
balloon method, where a pressure was applied to the inner surface of the folded
balloon. For stent A to reach a diameter of 3 mm, the direct pressure method required
a pressure load of 1.44 MPa and the balloon method required a pressure load of 1.1
MPa. For stent B to reach the required 3 mm diameter a pressure load of 1.82 MPa

was necessary using the balloon method.

This affords an initial comparison of the performancéoth stents with stent B
requiring 1.82MPa versus Stent A requiring 1MPa to reach the same level of
deployment. Also noted during the free expansion simulations were foreshortening

(difference in axial length of stent before and after deployment velaid
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undeployed stent length) percentages for each stent and are given here as preliminary
information for the reader. Predicted foreshortening for stent A is 8.3% and for stent

B is 9.2%.

Stent A was deployed in all categories of the-best shown inFigure 4.1(b) and
stent B in selected categories for comparison. The stents were positioned in the

centre of the available lumen cressction, and along the longitudinal axis.

An amplitude curve (allows arbitrary time variations of load to be applied during an
analyss) was applied to all loading simulations for stent A. The amplitude curve
selected was a smooth step and this curve has the form shown in the series labelled

A Or i g ihkgaré4dl, whith is defined explicitly below in equati¢h.13)
0 mh Amp T8t (4.13
0O p8h Amp p8t
For o6 Ooh Amp

Amp Amp AmpzZz3Z pmpB @3

0
wh e, es 3
0O O

where the current amplituded mp at time,t, is defined by the difference between

the maximum amplitudéy mp, and the initial amplitudeA m p, multiplied by the

time proportionality constant; as defined in equatiqd.13).

For stent B a modified amplitudrirve was applied as the kinetic energy was found
to spike at certain stages during the free expansion simulation. To counteract the

spikes in kinetic energy the loading amplitude was reduced at these points. The
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modified amplitude curve is shown in blueFigure4.11. The modification of the
amplitude curve means also that the amplitude is applied over a longer time step.
This time step is 50% longer than the time step for stent A. The run time foeéhe fr
expansion of stent A was approximately 12 hours on 36 CPUs. Due to the longer
time step and denser mesh on stent B the run time was approximately 405 hours on
36 CPUs. Despite the longer run time, dictated by computational practicality, this
approach wa deemed acceptable as the stent material was modelled as rate
independent and the length of loading duration would not affect the final stress or

deformation state.

The high performance computing cluster provided IGHEC was used for the
balloon expandde stent analyses. The computer accessed was an SGI Altix ICE
8200EX cluster with 320 compute nodes. Each compute node has two Intel

(Westmere) Xeon E5650 h&ore processors and 24GB of RAM.

4.2.3.2Balloon versus Pressure Deployment
In 2008, Gervaset al. [44] published a study on different modelling deployment

strategies for balloon expandable stents in a straight unstenosed arterial vessel. The
three methods investigated were the application of pressure directly to the inner
surface of the stent, the utiligat of a cylinder to expand the stent and finally the
explicit inclusion of a balloon to expand the stent. They concluded that the inclusion
of the balloon was the most appropriate method of expansion for their analysis.
However it has not been verifiedaththis method is most appropriate for straight

stenosed vessels or for curved vessels.

To address this, the application of pressure directly, with the inclusion of an

additional pressure at the ends to account for dogboning as per the work of
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Harewoodet al. [32], was carried out in straight and curved stenosed vessels and
compared to the results of equivalent balloon expandedirgjesimulations. The
results of these simulations were compared in terms of lumen gain at the axial cross
section of the arterial segments and also in terms of a percent tissue damage risk

indicator. The results are presented in section 4.3.

4.2.3.3 Bending Simudations
In order to position the stent A and B in the curved arterial vessels, a preliminary

bending simulation needed to be performed. For stent A an approach similar to that
of Mortier et al. [28] was utilised. In this approach the stent and balicatheter

assembly were traversed along a rigid guidewire to position the assembly. The nodes
at the ends of the balloon were tied to the mating surface of the catheter. The stent
itself was constrained using beam elements at each of its crowns tying it to the
nearest balloon nodes. A displacement boundary condition was then applied to the
proximal end of the catheter to position the entire assembly in the curved vessel. For

an illustration of the geometries and boundary conditions involveBigase4.12.

Due to the stiffness of the stent relative to the balloon anchdt®n involved in the

simulation, it was found that it was necessary to increase the stiffness of the balloon
tenfold for the simulations to be completed successfully. The deformed geometries

of the balloon, catheter and stent were then imported intcandenalysis and the

stress state of the stent was also included. In this second analysis the balloon was
inflated to deploy the stent in an arterial vessel. As it was only the deformed shape of

the balloon and not the stress state that was of interest, ti ncr ease i n
Modul us for the bending simulation was d
of the balloon was then returned to its original value for the stent deployment

analysis.
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In the case of stent B, due to numerical complexities and theased mesh density,

a second method of bending was investigated and adopted. This involved the use of
the VDISP (vectorised displacement) subroutine within Abaqus. This subroutine
permits the application of boundary conditions of varying magnitudesegianr of
interest. In the case of stent B, it allowed the bending of the stent and balloon
catheter assembly onto an arc corresponding to the axiedenttbn curvature of the
arterial vessel. As before, the stress state of the stent was included ecohe s

analysis and the deformed geometries of the assembly were also imported.

Two sets of simulations were carried out in the case of stents A and B. The first set
of simulations allowed bending of the stent assemblies for the tortuosity of the
moderately curved vessels and the second set allowed bending of the stent

assemblies to correspond to the tortuosity of the severely curved vessels.

Stent A was deployed in all categories of the-best shown inFigure 4.1(b) and

stent B in selected categories for comparison. The analyses were carried out in two
phases in each case where deployment was in a curved arterial vessel. The first phase
simulation was #&ending analysis to position the stent balloon and catheter assembly
into a radius of curvature that mat ched
phase bending simulation was assumed to be frictionless. The second phase
simulation was the deploymeanalyses where the balloon was inflated to expand

the stent in the vessel. In the straight arteries only a deployment analysis was

performed.

To allow application of appropriate boundary conditions to the arterial segments, a
10mm length of straight theelayer arterial mesh was added to both ends of each

arterial segment shown ifigure 4.1(b) (see Figure 4.13 for a full assembly
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depiction for a severely curved case). The proximal and distal extremities of the
extended arterial model were then pinned. This was to allow more representative
arterialbehaviour during the balloon inflation and deflation. The proximal and distal
ends of the layer of shell elements surrounding the arterial vessel were also pinned.
The inclusion of this layer of elements added more stability to the analyses as this
materid was assigned mass proportional Rayleigh damping coefficiemhilar to

that used for the balloecatheter assembly components. A coefficient of friction of
0.2 was applied to all contacting surfaces during balloon inflation analyses, as per the
approach of Mortieet al. [28]. Examples of the stent deployment simulations are

illustrated inFigure4.14.

The Abaqus/Explicit solver as used for the large deformation analyses with the
condition that the kinetic energy of the simulation remain below 5% of the total
internal energy for each analysis. Contact between all parts of the model was defined

according the general contact algomt available in Abaqus/Explicit.

4.3Results

4.3.1 Analysis of Results
The results of this chapter are presented in two sections: the developmental study

results and the arterial tels¢d simulation results. From the results relating to both
model developmenstudies and the arterial tds¢d simulations, the following are

examined:

1 The von Mises stress distribution contour plots in the healthy arterial wall
1 The deformed lumen geometry post balloon deflation or removal of direct

pressure

1 The percent vessel rait
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1 The scaffolding potential of a stent design

1 The percent risk of tissue damage caused by stent placement
The second set of results from the 4estl simulations reported in this chapter are
analysed in terms of the third, fourth and fifth parameters.tfind is percent vessel

recoil and is defined as follows

_ LumenCSA| - LumenCSA eaion (4.14)
% VesselRecoil = max *100

LumenCSA|

where lumen CSA is the crassctional area of the lumeny,{) denotes the area at
maximum balloon inflation and §xaion denotes the area post balloon deflation. This
parameter is used to examine the effects of changing the material response of the
atherosclerotic tissue. Each measurement is taken at the axisleation of the

vessel, where the greatest changeiimen area is observed.

The fourth parameter used is a measure of the scaffolding potential of a stent design
and it compares the lumen area achieved to the reference unstenosed lumen area.
This reference area is the area of an unstenosedsgoisn wih an inner vessel
diameter of 3 mmEigure4.15illustrates the relevant areas, which again are taken at

the axial midsection of the vessel.

The final parameter estimates the risk of tissue damage caused by stent placement. A
straightforward stressased approach is taken, where the von Mises stresses in each

arterial layer are compared to reported UTS vajdBkfor each layer.

_ _ #Elements exceeding UTS, i ayer
% TissueDamageRisk = *100
# Element%ﬁerial layer

(4.15)
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Equation(4.15) details the calculation of the percent tissue damage risk parameter
for each arterial layer. This parameter is used as a comparative measure between

stent designs deployed in the tbsd.

A second version of the tissue damage risk parameter is also considered, viz. a
stretch based percent tissue damage risk, where the maximum principal stretch is
compared to reported Ultimate Tensile Stretch values for each arterial layer [43]. The
comparisons made in terms of logarithmic strain, i.e. computed logarithmic strain
output from Abaqus, and Ultimate Tensile Stretch values from [43] converted to

logarithmic strain.

4.3.2 Results from Developmental Study

4.3.2.1Damping Parameter Study
The von Mises stress value was used as the basis for comparison of the results with

the maximum value being of interest. The results of the four simulations, involving
the reduced stent artery model described in section 4.2.2.5, are shiéigaray.16.

It can be seen that the lowest maximum von Mises stress occurs in the undamped
arterial model. The respective percent increases in the maximum vondiesssin

the Rayleigh damped models of 300, 400 and 500 are 6.7, 6.3 and 5.4.

This leads to the conclusion that direct inclusion of Rayleigh damping coefficient in
the arterial model may lead to an artificial stiffening of the material which can result
in higher predicted stresses within the tissue wall. From this study it was decided to

apply no damping to the arterial wall during subsequent simulations.

4.3.2.2 Incompressibility of Hyperelastic Materials
As stated earlier in section 4.2.2.3, the Abaqus doclatientrecommends an upper

limit of 100 to be used in analyses with rd@fault values of the ratig. The effects
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of variation of thisR value are shown ifigure4.17 for the stresstrain response of
atherosclerotic tissue. The material model used was the-dtdet hyperelastic
polynomial model for a cellular type atherosclerotic tissber the analyse
considered the recommended upper limit of 100 was used and the difference in the
stressstrain response compared to a fully incompressible material was deemed

acceptable (seeigure4.17).

4.3.2.3Balloon versus Pressure Deployment
Figure 4.18 shows the resultant lumen area expressed as a fraction of the reference

lumen area for two different arterial geometries, SAL50 and SAL70, and a cellular
atherosclerotic tissue type. The dirgoressure expansion method failed to capture
lumen gains similar to that of the balloon expansion method in straight stenosed
vessels. A similar result was found in curved ves$atgire4.19 shows the resultant
luminal shape due to both methods of expansion. It is observed that not only is the
lumen gain significantly less but that vessel straightening is not captured to the same

extent as the baltm expansion method.

When the tissue damage risk was calculated for each healthy arterial layer in the
direct pressure analyses it was found there were no elements exceeding the
respective UTS values of each tissue layer. This was in great contrasbildos

expansion analyses where significant volumes of the tissue were predicted to be

damaged (see results below).

Following these results it was decided that the direct pressure expansion method was
not appropriate for the analyses as it did not cagtumen gain correctly or depict a
realistic stress state within the arterial wall. Consequently, the balloon expansion

method was used for the tdstd simulations.
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4.3.3 Results from the Arterial TestBed Simulations

4.3.3.1Plaque Constitutive Models
One important result to be established is the effect of inclusion of plasticity, in the

constitutive behaviour of the atherosclerotic tissue, on the percent vessel recoil. Also
to be investigated is the effect of variation of the yield stress value quethent
vessel recoil. Using a straight 50% stenosed vessel (SALSGigae 4.1(b)) stent

A was deployed by inflation of the #folded balloon whith was then deflated. All

four lesion constitutive law categories, for all three types of lesion, cellular,
hypocellular and calcified, were investigated. Based on the findings of this, the most

appropriate lesion type to include in the suite of modedstizblished.

One of the most apparent outcomes of this study is that plasticity has a definite effect
on vessel recoil for all lesion types. Overall it reduces the percent vessel recoil for all
lesion types, as illustrated Figure4.20. Within each category of constitutive law,

the stiffer lesion type exhibits higher levels of percent vessel recoil than the more
compliant. Typically, calcified lesns are stiffer than hypocellular lesions, with
cellular being the most compliant. The trend is similar within each category except
for a yield of 0.2 MPa. This is due to the fact that the instantaneous (tangential)
modulus, in the material model fit, ftine calcified lesion is lower than that for the
cellular lesion at low stretch, as shown in the stetistch curve in Periceviet al.

[33] and reproduced ifrigure 4.8. If this is true of the behaviours of the calcified
and cellular lesions in reality is difficult to establish due to the limited data available,
please refer td-igure 4.9 which shows the original published data from work of
Loreeet al.[34]. As can be seen alsofigure4.9 is the difficulty in determining the
individual data points at low levels of stretch which may have had an effect on the

material model fit imposed by Pericewdtal.[33].
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Overall the results suggest that the actual value of lesion yield stress is not that
significant, and that the introduction of plasticityadl, irrespective of the yield stress
value, is the dominant factor. Specifically, the variation in percent vessel recoil for
all of the cases shown figure4.20 is between 6.9 and 20.7%, whereas when the
plasticity cases alone are considered, irrespective of the value of the yield stress, the
variation is only in the range 6.9 to 12.5%. The greyvesrm Figure 4.20 indicate

these ranges.

Based on the above, to proceed with the remainder of the analyses, the yield was
chosen to be 0.4 MPa and dldar type plaque was chosen. The reason for this is
two-fold. Firstly at this value of yield the vessel recoil is similar for all three plaque
types, and secondly a cellular type plague is the most homogenous physiologically
SO one can justify its seléah as most appropriate for a homogenous material

description.

4.3.3.2Scaffolding Assessment
For each stent design a comparison of scaffolding potential was made using-the test

bed, where the scaffolding potential is indicated by the lumen area, achieved at
maximum balloon inflation and after balloon deflation, relative to the reference
unstenosed lumen ardéigure4.21 shows the scaffolding potential of stent A for all
nine arterial geometries (sEgure4.1). It can be seen that the level of stenosis has a
definite effect on the lumen area achieved by stent A and that it also affects the level
of recoil of the device after balloon deflation. The recoil of the device is indicated by
the difference in the heights of the solid columns relative to their respectiveetiatc

columns.
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It should be noted ifrigure4.21 that there is slight ovenflation of the unstenosed
vessels, and of the 50% stenosed vessels at maximflation. This is due to the
nature of the loading conditions, which were determined, as described above, to
ensure that the inner diameter of the stent reaches 3 mm to be the same as the
reference diameter of the arterial vessel. For the 60% stenessels, the reference
lumen area is almost reached at maximum balloon inflation but after balloon

inflation significant recoil of the device occurs at all levels of curvature.

Results for the comparison of the scaffolding potential of stent A and stent B
selected arterial models are shownFigure 4.22 and Figure 4.23. These arterial
models were chosen to show the effect of varying the level of curvature for no
stenosis and the most severe level of stenosis. A stenosis level of 60% was selected

as this iswvhen the scaffolding potential is most affected, as shovgure4.21.

In Figure4.22 it can be seen that the scaffolding results for stent A and stent B are
very similar in both straight and severely curved vessels. This is true at both
maximum balloon inflation and post balloon deflation. Ire theverely curved

unstenosed case stent B reaches a slightly higher lumen area than stent A.

In Figure4.23, for the straight 60% stenosed vesseldbaffolding results for both
designs are similar at maximum balloon inflation and after balloon deflation. In the
severely curved 60% stenosed vessel the scaffolding results are similar at maximum
balloon deflation but with less recoil observed in stepioBt balloon deflation. This
would suggest that the level of curvature in the arterial segment does not have a
major effect on stent A but its effect is somewhat more noticeable in the case of stent

B, in particular in a severely curved severely stenosgion.
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This implies that there is a very weak dependence on curvature in the analyses
overall. However, for the case when a stenosis is present there does appear to be

stent design dependence.

4.3.3.3 Predicted Tissue Damage Risk
The stresses due to implantation of each stent design were analysed in each arterial

layer and compared to that of reported UTS val4déd of each layer, with the
results interpreted in terms of the tissue damage risk parameter defined above. For
stent A the tissue damage risk results for all three arterial layers in the straight
vessels are shown Figure4.24. The unstenosed vessel has auisdamage risk of

80% for the intimal layer only, whereas the stenosed vessels have predicted tissue

damage throughout all three layers.

The maximum principal stretches, at maximum balloon inflation, in each arterial
layer due to the implantation of steitwere also compared with Ultimate Tensile
Stretch values for each arterial layer, in terms of the stretch based percent tissue
damage risk defined abovEigure 4.25 shows the tissue damage risk results based
on the stretch comparison for each arterial layer for the straight vessels in the test

bed due to implantation of stent A.

ComparingFigure4.24 andFigure4.25, the most significant observation is that both
approaches do indicate a risk of tissue damage, although there are certain differences
in the details of the predictions, as would be expectedtd the differences in the
formulations. For example, no predicted tissue damage occurs in the intimal layer of
the unstenosed vessel in the stretch based analysis compared to the stress based
analysis. However, for the arguably more realistic situatwhsre stenoses are

present, similar trends are observed in tissue damage risk prediction; in particular,
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and significantly, both the intimal and medial layers are predicated to be at greater
risk for 60% stenosis in comparison to 50% stenosis (the SAMBGALG60 models
(seeFigure4.1(b)). Due primarily to the ability of the currently implemented stress
based approach to capture stretsde multiaxidity, and the broadly similar tissue
damage risk prediction of the two approaches, it was decided to implement a stress
based analysis for assessing tissue damage risk in the remainder of the thesis. This is

further discussed in Section 4.4.2.

Figure 4.26 shows the tissue damage risk results for each arterial layer for the
straight vessels due to implantation of stent B. The unstenosed vessels show a
slightly lower tissue damage risk of 71% for the intimal layer only (as compared to
deployment of stent A in the same vessel), whereas again the stenosed vessels have
predicted tissue damage throughout all three layers. Interestingly, stent B
implantation gearates a tissue damage risk of 57% in the intimal layer in SAL50
(seeFigure4.1(b)) compared to the 39% for stent A in the same vessel. However in a
straight 60% stenosed vessel (SAL66eeFigure 4.1(b)) stent B performs better

than stent A, with a tissue damage risk of 65% versus the 72% intimal tissue damage

risk for stent A.

Figure 4.27 and Figure 4.28 show the predicted distribution of equivalent plastic
strain within the lesion material in SAL50 and SALG60 respectively. The top panels in
each show the response due to inflation of stenhdthe bottom panels show the
response due to inflation of stent B. In SAL50, more regions of high plastic strain are
developed due to implantation of stent B than stent A; whereas in SAL60 there are
slightly more regions of high plastic strain due to iamphtion of stent A than stent

B. This is in agreement with the tissue damage risk results for the intimal layer due

to implantation of stents A and B in the 50% and 60% stenosed vessels. These results
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would appear to indicate that the stenosis level magract strongly with the stent
design to generate the arterial stress state during deployment, and consequently

stenosis level may be a very important parameter in stent selection.

4.4Discussion & Conclusions

4.4.1 Discussion on Developmental Study Results
The intial section of the work presented in this chapter was dedicated to performing

mesh sensitivity analyses, investigating the effects of various material parameters on
the analyses, and examining the different deployment methodologies for stent

expansion irstenosed and curved vessels.

It was found that an arterial mesh density of over 130,000 elements for the SAL50
model was necessary to reach a converged solution. This lead to an increased run
time of the analyses but with access to the high performano@utmg cluster

provided by ICHEC this was manageable.

The effect of inclusion of a damping parameter on the arterial wall was next
investigated. It was concluded that the utilisation of this damping coefficient lead to
an artificially high increase in thsetiffness of the arterial wall and was hence

excluded from further simulations.

With the use of the Abaqus/Explicit solver for the simulations the effect of
compressibility in the soft tissue material models was investigated. As the
Abaqus/Explicit solvecannot model a completely incompressible material this was
deemed necessary. It was shown that the recommended upper limit of thi, rattio,
100 gave a significant improvement over the default value of 20. It decided that it
was an acceptable approadnt modelling the near incompressibility of the arterial

wall.
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Finally, as stated earlier, Gervasb al. [44] investigated the effects of different
deployment strategies for balloon expandable stents in straight unstenosed vessels.
This was further investigated in this work for stenosed vessels and curved vessels.
Based on the results for the tissue damage mshkcator and the scaffolding
potential, it was concluded that the direct pressure method was not appropriate for
modelling balloon expandable stents in stenosed vessels and also in curved vessels.

This is in agreement with the findings of Gervaso for ghtaiinstenosed vessels.

The findings from the developmental studies were then applied to the full balloon

stent artery simulations presented as the computationdigdstamework results.

4.4.2 Discussion on Arterial TestBed Simulations
One of the main objeses of the present study was to examine the mechanical

behaviour of two generic stent designs during their implantation in purposefully
selected arterial geometries, that form a comprehensive computatiorzdestith

a view to getting a more generaltgpresentative characterisation of the arterial
stress state due to stent implantation than has been reported to date, and this has been

presented.

A motivation of the work presented in this chapter was the need to investigate the
degree of specificity fothe blood vessel geometry in the stent stress analyses of the
FDA guidelines. The current guidelingls/] for stent analyses recommend a 15 mm
radius of curvature for coronary applications. This curvature is much less than the
moderately curved (radius of curvature, 12.85 mm) and severely curved (radius of
curvature 8 mm) vessels used in the tbsd. The results presented here are
interesting in that they indicate that these more severe conditions do not have a

significant effect on the implantation behaviour for both of the generic stent designs
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considered, at lesa in terms of the performance measures considered. However, this
may not be true of all stent designs so the author believes that it is important to
adhere to the guidelines as a minimum to examine curvature effects for any new

designs.

Another motivatio for this work was the need to generate a practical computational
framework capable of assessing stent performance in a range of popsieeeific
categories. Previous research in the area of personalised medicine and stenting has
focussed on using patit specific arterial geometries for computationally deploying
stents. This research is significant but does not capture the effects of stent
deployment in populatiospecific categories. A computational framework capable

of this assessment has been presgkrhere. It is accepted of course that the
computational framework in overall terms is only useful as part of a process that
includes experimental analysis to generate any final conclusions on the performance

of an engineering design.

One of the major olesvations of the present study is that the level of stenosis present
in an arterial segment has a significant effect on the scaffolding potential of a stent
design, and also on the tissue damage risk for the plaque itself and for the
surrounding arterialigsue. It is shown that increasing the level of stenosis increases
the intimal tissue damage risk, as highlightedrigure 4.24 and Figure 4.26. The

two generic stent designs modelled are shown to have similar scaffolding potential at
each level of stenosis but the tissue damage risk is different for both at each level of
stenosis, Wwh stent A inducing less damage in a SAL50 but stent B inducing less
damage in SAL60. This leads to the suggestion that stenosis level could be a critical
parameter in stent selection for the clinician. It should be emphasised that the tissue

damage riskas defined here based on a straightforward critical stress criterion, is
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used purely as a means of comparing the predicted arterial stress states generated by
different stents, and consequently comparing different stent behaviours. However, it
is not a diect quantification of actuah vivo physiological tissue damage due to
angioplasty, which will depend on a rangaroiivo environmental factors. It is also
important to emphasise that high arterial stresses due to stent deployment have been
predicted many times previously in the literature (e[§3,46]) and arterial wall
stresses have been associated with the formation of neointimal hyperplasia and in

stent restenosig 7].

As described above, a stretch based approach to assess predicted tissue damage risk
was also considered. The stretch based approach compares the maximum principal
stretch with Ultimate Tensile Stretch. The comparisothefstress and stretch based
approaches to tissue damage risk prediction generated interesting results (in terms of
the test cases considered: straight arteries with varying degrees of stenosis).
Fundamentally, both approaches indicate a risk of tissuagi for a stented artery,

and are broadly consistent in terms of the assessment of the effects of stenosis level;
in particular both indicate that a 60% stenosis is at higher risk than a 50% stenosis
for the intimal and medial layers (sE@ure 4.24 and Figure 4.25). Certainly there

are some differences in the details of the predictions that are due to the differences in
the respective formulations. For example, the stretch based approach does not predict
tissue damage for the intimal layer for the unstenosed artenwever this is
arguably not that significant a result as an unstenosed artery is unlikely to be stented
anyway and such cases are included in this thesis primarily for comparison purposes.
One interesting result is the relatively high tissue damageoreskicted for both the

media layer and the intimal layer using the stretch based approach, in comparison to

the stress based approach. This would indicate the need for future experimental
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studies to establish damage accurate limits and failure poirtesifis of both strains
and stresses) for arterial tissue, in order to enhance the reliability and usefulness of

the computational tedied developed here.

One advantage of the stretch based approach in the context of the present work is
that, fundamentallystrains are easier to measure experimentally than stresses, and it
might be possible for example to infer critical stretch/strain levels directly from
medical image data of arteries undergoing deformation and rupt8je One
advantage of the stress based approach, when using the von Mises stress, in terms of
simplicity of application and implementation, is that the malktiality of the stress

state, including both tensile and compressive stresses, is naturally incorporated into a
single scalar quantity (the von Mises stress). By contrast, a critical principal stress,
indeed strain, approach would potentially require a different damage/failure criterion
to be developed and implemented for local tensile vs. compressive loading of the
tissue. One potential disadvantage of using the von Mises stress is that it was
originally developed for metal plasticity and so there is always a question mark over

tis applicability for soft tissue deformation.

Notwithstanding the above, given that both the stress and stretch based approaches as
implemented here give broadly similaredictions, and that the use of a von Mises
stress based approach is consistent with other reported studies (e.g. Pericevic et al.
[33]), it was decided to implement a stress based (von Mises) tissue damage risk

assessment for the remainder of this work.

Surprisingly, the level of curvature present in an artsegiment does not appear to
have a significant effect on the implantation behaviour of stent A. However the open

cell design of stent B performs slightly better in a curved stenosed vessel, in terms of
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lower recoil. This may indicate that, as regards stdifig potential, the open cell

type design maybe more suitable for use in a tortuous vessel.

Also investigated was the effect of the inclusion and variation of plasticity within the
atherosclerotic tissue. The inclusion of plasticity has a significaattefin vessel

recoil for all three types of lesion tested. It is shown that the stiffer the material the
greater the vessel recoil, which is not surprising. It can be explained by the fact that,
for a given radial deformation, a stiffer lesion has a greateumferential stress and
hence on load removal, in this case balloon deflation, there is a greater tendency for
stent recoil. However it is also observed that the actual value of the yield stress
chosen, once within the range of 0.2.8 MPa, is nothat significant. This could be
because once permanent deformation occurs elastic deformation is limited and hence

the tendency of the vessel to recaoll is reduced.

Also to be considered are the limitations of this work. One limitation is the
representatiorof the lesion in the analyses as a homogenous continuum when in
reality atherosclerotic tissue is highly heterogeneous. Improvement of the work could
be achieved through explicit representation of the individual components of plaque
such as the fibrous palipid rich necrotic core and calcifications. However, as the
focus of the work was a generic population specific-lest, the use of a
homogenous type plaque was considered acceptable. A second limitation is the
simplified assumption of damage withimet atherosclerotic tissue through the
application of perfect plasticity. A more advanced constitutive model that
incorporates damage within this region is needed, however experimental data for
such behaviour is lacking. Also predicted from the analysé®iissue damage risk

in the individual arterial layers but this is not directly coupled with the arterial layer

constitutive law in terms of the inducement of softening. Again experimental data for
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the response of arterial layers to high levels of logdslacking and as such a
constitutive model for the damage response cannot yet be complete without this data.
The effects of arterial prstretch, residual stresses, specific stent positioning and

luminal blood pressure were not considered in these sewly

In conclusion, the results presented in this chapter show that computational
modelling is a very useful tool in predictive analyses of coronary stent behaviour and
can allow for direct comparison to be made between stent designs in a controlled
environment. A practical computational framework has been presented that varies
stenosis level and arterial curvature. It is found that the presence of a stenosis and the
variation of this stenosis level have a significant effect on the stress induced in the
underlying arterial tissue and also on the ability of the stent to maintain the lumen
crosssectional area. Moreover, it is found that the scaffolding potential of a given
design is affected by the level of curvature in an arterial segment; though thig is ver

much a design dependent effect.

In the current FDA guidelines there is no specific requirement to include a stenosis
or to vary its presence in computational simulations of stent deployment. However

from the results of this study the following is reconmahed:

1 In the representation of the arterial environment to be stented, a stenosis

should be included for a more accurate depiction oirthve/o setting.

1 Stent performance should be investigated for a range of stenoses, to see if

there is an optimurdesign for a given stenosis level.

1 Vessel curvature should be included in the analyses, adhering to the

guidelines as a minimum.
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As stated previously, one of the major limitations of the work was the representation
of the atherosclerotic tissue materiahelwork presented in the forthcoming chapter
will aim to deal with these limitations through the inclusion of a damage model for
the atherosclerotic tissue material and also include explicit representation of the

various components of this tissue, suckalsifications and a lipid pool.
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Table4-1 Material parameters characterising the elastic response of each arterial
layer

H (kPa) ki(kPa)  ka(-) o (A) =
Intima 46.777 9992.9 80.24 53.9 0
Media 19.021 21.045 79.362 26.348 0
Adventitia 6.623 118.48 373.38 42.291 0
Table4-2 Material parameters characterising the elastic response of each plague
type

Ciwo(kPa) Copi(kPa) Cii(kPa)  Cyp(kPa) Cgo(kPa)

Cellular -802.723 831.636 1157.68 0 0
Hypocellular 165.111 16.966 955.388 0 0
Calcified -495.96 506.61 1193.53 3637.8 4737.25
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Table4-3 Elastic constants, E and ,mass proportional damping factod ,

characterising the behaviour of stent and delivery system

E (MPa) g U
Balloon 850 0.4 8000
Catheter 1000 0.4 8000
Guidewire 62 0.3 8000
Stent 200,000 0.28 -
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l SALS50 SAL60

AA TI=0.1
‘MCAL5O
m TI=0.3

Figure4.1 Schematic of actual geometries used in computational test bed; a) calculation of Tortuosity Index (TI), b) test bed

geometries with respective Tortuosity Indices and insert showing mesh density.
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Curvature Angulation Tortuosity
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Arc length = 34 8 mm

/s

judiS-ijsod

2 \ Radium =675 mm Arc length = 31.7 mm
f

Tortuosity Index = 0.301

Curvature = 0.148 mm

Figure4.2 Angiogram images of an arterial vessel-med poststenting,

showing calculation of curvature, angulation and tortuosity

indices (adapted frof21]).
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Adventitia
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Figure4.3 Use of partitioning to create structured mesh. A) Front View

of partitioned geometry, B) Iso View ofditioned geometry

with somelayers removed, (Resultant Hexahedral Mesh.
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(Avg: 75%)
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+4.511e-04

Figure4.4

HX3

HX6

HX9

Mesh sensitivity results for three hexahedral meshes, HX3,
HX6 and HX9, increasing in element density from top to

bottom. Contour plot shows von Mises strdssribution due

to a pressure expanded stent.
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StentA Stent B

Figure4.5 Geometries of the closed cell Stent A and the open cell Stent

B. Full stent and segment of pattern to illustrate the structure

are shown in eaclase.

Figure4.6 Crosssection of balloon showing mapping of points from
deployed configuration to wrapped configuration according to
method outlined by Laroche et §9].
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Figure4d.7 Uniaxial tensile stresstretch responses of individual arterial

layers in the circumferential (Circ) and axial directions,

coefficients taken frorf81].
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Figure4.10 Stages of deployment in model used for damping parameter

study.
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Figure4.11 Amplitude curves applied to loadingf stent B. The

"Original” smooth step function is shown in the dashed red

i Modi fis shawv intheno ot h

l ine and ¢t he

solid blue line.
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Proximal

{

Figure4.12 Bending simulation results for stentb®ing traversed along a
rigid guidewire, to suit the tortuosity of a moderately curved
vessel. Insert shows schematic of location of beam elements at

the crown of stent A.
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Figure4.13 Various stages of Ioeling stent A balloon catheter assembly

along guidewire, full arterial model geometries also shown.
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—— A=V — A =TV —— A —]

T —

Figure4.14 Stages of implantation of stent A in 60% stenosed vessels; Addpteyment, B: Miedeployment, C: Full

deployment, D: Final configuration. SectiorXXshows where crossectional areas are measured.
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Reference Unstented
Lumen Area Lumen Area Lumen Area
Figure4.15 lllustration of A: Reference unstenosed lumen area; B:

Unstented lumen area; C: Final stented lumen area. -Cross

sectional areas are taken at the+sedtion of the vessel.

alpha =300 alpha =400 alpha =500

+6.7% +6.3% +5.4%

No Damping

S, Mises

(Avg: 75%)
+1.180e-01
+1.120e-01
+1.060e-01
+8.850e-02
+7.867e-02
+6.883e-02
+5.900e-02
+4.917e-02
+3.933e-02
+2.950e-02
+1.967e-02
+9.833e-03
+0.000e+00

Figure4.16 von Mises stresglistribution for different applied damping

values, inserts show increases in stress compared to undamped

arterial segment.
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Figure4.17 Stress strain plots for variation in bulk to shear modulus ratio,

R.
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@ Inflation @ Deflation

Lumen Area/Reference Lumen Area

0.4 A

50% Cellular 70% Cellular 50% Cellular 70% Cellular
Pressure Deploy Balloon Deploy
Figure4.18 Resultant lumen area as a fraction of reference lumen area at

axial midsection of arterial segments for direct pressure
deployment strategyand balloon deployment strategy, in

straight stenosed vessels.

189



Chapter~our

Figure4.19

e

-=== Pressure
— Balloon

Comparison of resulting luminal curvatures due to expansion
of stent A in a moderately curved 50% stenosed vessel by two
methods,direct pressure method shown in the black dashed
line and explicit balloon modelling method shown in the solid

red line.
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Figure4.20

Effect of changing the atherosclerotic tissue yield stress on
vesselrecoil using 50% stenosed straight vessel, and stent A.
Results for all four constitutive law categories, and three
lesion types, are shown. Ranges for variation in constitutive

law are shown by the grey arrows.
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Figure4.21

Stent A
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Unstenosed

Straight - Deflation
Moderately Curved - Deflation

A Severely Curved - Deflation

]

50% Cellular 60% Cellular

Stent A: Resultant lumen area as a fraction of reference lumen

area (sed-igure4.15) at mid section of vessels with varying

stenosis level. Solid columns indicate results at point of

maximum balloon inflation and hatched columns indicate

vessel response after balloon defiati
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Figure4.22

Unstenosed

B Straight - Inflation

@ Severely Curved - Inflation

Comparison between resultant lumen area as a fraction of

Straight - Deflation

Severely Curved - Deflation

reference lumen area (s€egure 4.15) for stent A and B at

mid section of unstenosed vessels with varying curvature
level. Solid columns indicate results at point of maximum

balloon deployment and hatched columns indicate vessel

response after recoil of balloon.
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Figure4.23

60% Cellular

M Straight - Inflation Straight - Deflation
@ Severely Curved - Inflation Severely Curved - Deflation

/A

Stent A Stent B

Comparison between resultant lumen area as a fraction of
reference lumen area (s€egure 4.15) for stent A and B at
mid section of 60% stenosed vessels with varying curvature
level. Solid columns indicate results at point of maximum
balloon deployment and hatched columns indicate vessel

response after recoil of balloon.
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Figure4.24 Predicted tissue damage risk for individual arterial layers in

straight vessels due to implantation of stent A; based on
comparison of von Mises stress with UTS of individual

arterial layers.
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Figure4.25 Predicted tissue damage risk for individual arterial layers in
straight vessels due to implantation of stent A, using a stretch
based approach; based on comparison of maximum principal
stretch with ultimate tensile retch of individual arterial

layers. Asteriskindicate zero values of relevant terms.
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Figure4.26 Predicted tissue damage risk for individual arterial layers in

straight vessels due to implantation stéBi based on
comparison of von Mises stress with UTS of individual

arterial layers.
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Figure4.27 Distribution of PEEQ in a 50% stenosed straight vessel at

maximum balloon inflation for both stent designs.
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Figure4.28 Distribution of PEEQ in a 60% stenosed straight vessel at

maximum balloon inflation for both stent designs
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5 Atherosclerotic Plaque Modelling for Stenting Applications

5.1 Introduction

Atherosclerotic tissue is highly heterogeneous and can be comprised of a lipid core,
calcifications, cellular debris, and fibrous tissue. However, its representat
computationally in stenting simulations has often been as a homogenous continuum;
apart from the work of Holzapfet al.[1], where the properties of the calcification

and lipid were estimated, and the work of Gaastial [2] where again the properties

of the calcification and lipid were estimated. An example of a histological-cross
section of a diseased arterial vessel is showligare 5.1 [3] and the variation in
tissue content within thdiseased atherosclerotic region is apparent. A homogenous
representation of atherosclerotic tissue is by far the most common assumption used
in arterial computational models in general, and in particular in arterial models used

in stenting analyses, for amples se@li 6].

In conjunction with geometrical simplifications, the behaviour of atherataier
tissue is generally considered as hyperelastic and that it follows the low loading
regime (representative of physiological loading that exerts relatively low stresses and
strains on tissue in comparison to device implantation) behaviour, despitacthe f
that loading due to stent placement introduces spipyaiological forces within the

tissue.

This computational simplicity is based on the fact that there is currently a dearth of
experimental data for the properties of atherosclerotic tissue asskscin Chapter

Three. The limited data that exists deals mostly with the behaviour of the tissue in
the physiological loading range and most of this is for tissue tested as a continuum

with little information on its constituents, apart from the work oéiisieinet al.[7]
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who used nanoindentat to investigate the mechanical properties of the individual
constituents in the physiological domain. However due to the nature of the loading,
in the work of Ebensteipt al. [7] the mechanical properties determined are related
to linear elasticity which may be appropriate for a very stiffifiatt particle but is

not representative for softer tissue, knowing the-lmograrity, in terms of the stress

strain relationship, associated with the rest of the arterial wall.

The primary aim of this chapter is to investigate the level of detail tlagipiopriate
when modelling atherosclerotic tissue response to stenting. An additional motivation
is to provide recommendations to the FDA for the stsfisn analysis section of
their guideline document on natinical engineering tests for coronaryr[8] for

modelling the physiological environment.

The focus ofthis work thus far has been the computational modelling of the direct
stenting procedure, however the standard stent implantation technique often involves
predilation with a balloon to open the blocked vessel and facilitate passage and
positioning of thestent[9]. Also presented in this apter is a study on the effect of
variation of the material models for atherosclerotic tissue, forpfase expansion
simulationsi where the stenosed vessel is inflated anthffated with a stent to
represent this predilation technique. Recommendationsthe direct stenting

approach versus the predilation technique are then given.

A 50% stenosed three layer arterial model is used as a basis for the analyses.
Atherosclerotic tissue is varied from being a homogenous continuum to having a
lipid rich core,to also having diffuse calcifications throughout. Several material
models are also investigated as the base atherosclerotic tissue matrix in the analyses.

This includes applying different elastic models to describe the physiological
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response and then imcling damage models which account for the response of the

tissue to suprphysiological loading (high nephysiological loads).

For the twephase expansion simulations, a very stiff cylinder is used to expand the
50% stenosed straight arterial vesselsithen retracted and deployed again, with a
stent inflated on the second deployment. The effect of inclusion of the Mullins effect

within the atherosclerotic tissue material model is then discussed.

In summary, this chapter explores the direct stenticignigue versus the predilation
technique, the effects of variation of the material model for the atherosclerotic tissue
matrix, the effects of inclusion of calcifications and a lipid pool and finally the
effects of inclusion of the Mullins effect on thehatosclerotic tissue matrix in

stenting applications.

5.2 Materials & Methods

5.2.1 Geometry & Meshes

For the analyses, the 50% stenosed three layer arterial model geometry, SALS50,
(please refer to Figure 4H) in Chapter Four) is used. To recap, this geometry
consists of a 0.5 mm thick healthy arterial wall equally divided into three layers
representing the intima, media and adventitia. The stenosis is considered semi
ellipsoidal in shape and blocks 50% of the available lumen by area, at the maximum
axial crosssection. Each section was meshed with 3D reduced integration linear
continuum hexahedral elements, C3D8R. The mesh consisted of 130064 elements
for the SAL50 geometry. A thin outer layer of shell elements, S4R, is also included
in the arterial models teepresent the physiological environment in which an artery

would be embedded.
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To examine the response of inhomogeneous atherosclerotic tissue to stenting, two
further modifications are included in the SAL50 model. The first is the inclusion of a
lipid pool section as shown iRigure5.2 and the second is the inclusion of diffuse
calcified particles as shown igure5.3. The volume of lipid included represents
9.3% of the total atherosclerotic tissue volume. The calcified particles are randomly
distributed in the atherosclerotic bulk as showrFigure 5.3. The assignment of
calcified regions is performed using a python script (AppendixTAg 630 calcified
particles represent 0.5% of the totHiexosclerotic tissue volume and the volume of

a single particle is approximately 0.0002 fffio allow assignment of the calcified
regions the element size had to be reduced to represent an individual calcified
particle. The inclusion of diffuse calcifigghrticles requires a significant increase in
mesh density and this mesh consisted of 726958 elements. The resulting mesh

density was deemed acceptable within the confines of computational practicality.

A generic stent geometry is used in this study thaepresentative of the Cypher
closedcell stent, as described previously in Chapter Four. As a reminder to the
reader, the mesh generated was compared with published mesh dgisitigsor

similar stent designs and was deemed acceptable based on these comparisons. As
described previously in Chapter Four, the balloon catheter and guidewire delivery
system are based on designs presented in the work of Mettiak [11]. The
guidewire has a diameter of 0.2 mm and the catheter is modelled with a diameter of
0.22 mm. The balloon in its unwrapped configuration reaches a diameter of 3 mm.
The wrapping of the blmlon is simulated by the method outlined in Laroeheal

[12].
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To investigate the &fcts of the choice of atherosclerotic tissue constitutive theory
on a twephase expansion, a stiff tube, meshed with 6580 shell elements, is also
modelled. The purpose of the stiff tube is to simplify the balloon deployment
simulation, using the tube txgand the stent instead of the balloon. This also allows
a comparison with a twphase deployment simulation with the tube inflated and

deflated twice.

5.2.2 Constitutive Models

As before, each layer of the healthy arterial wall is considered anisotropic and the
model proposed by Gasser al. [13] is applied. The same material parameters are
applied as listed in Table 4.1 of Chapter Four. The thin outer layer of shell elements
is considered to be @dropic and to be linear elastic in terms of finite deformation
strain and stress measures. It has a Young's Modulis=d50kPa and a Poisson's
Ratio ofg = 0.3 and has a thickness of 0.1 mm. As described in Chapter Four, a
similar approach was appliedy lHarewoodet al. [14] so that physiologically

representative boundary conditions could be applied to the artery.

For the atherosclerotic tissue several material models are investigated. The first
approach utilises the polynomial hyperelastic form published by Perieeuic[4],

which is based on the tensile testing response of atherosclerotic tissue carried out by
Loreeet al.[15] in 1994. The second approach utilises the data publish&thhgr

et al.[16], which resulted from the testing of atbsclerotic tissue in compression. A

first order Ogden model was fitted to this compressive test data. The third approach
combined the Loree tensile dgtisb] with the Maher compressive ddtE6] to fit a

sixth order Ogden model describing the response of the tissue in tension and
compressionFigure5.4 shows the uniaxial responses of the three models in tension

and compression.
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The polynomial model fit irFigure 5.4 shows that the tissue is quite stiff in tension
and also in compression. However, as this tissue was only tested in fdigitns
unknown if the compressive response should be as stiff. The first orden @uutlel

is very soft in compression and also in tension. However, as this tissue was only
tested in compressidi6] it is unknown if the tensile response should be as soft. As

a compromise between the two sets of data, the sixth order Ogden was fit to the soft
compressive datd 6] and stiff tensile datfil5] to produce the resulting fit iRigure

5.4. For clarity, the reader is referred Fgure 5.5 where the three material models

are plotted separately and the stress responses in tension (+) and comgrgssen (

indicated.

The three approaches described only give the response of the tissue to physiological
loading. However the implantation ofséent introduces supyzhysiological forces

within the tissue. To account for this, the elasticity models are combined with
different damage modelling approaches to describe the behaviour of the tissue in the
supraphysiological domain. The polynomial mddis combined with a perfect
plasticity model, as per the approach of Gasteldal. [5], and as used in Chapter
Four, to limit the stresses supported by the atherosclerotic tissue, and a yield stress of
0.4 MPa was assumed. The compressive data published by 8athdi 6] gave the

cyclic response of the tissue to loading. In that paper the authors fitted their own
damage model toapture the stress softening and permanent set observed within the
tissue during loading. Here, using the cyclic response [d&lathe Mullins effect

model is calibrated to the Maher data and combined with the Ogden first order
model. A similar procedure is carried out for the Ogden sixth order model. The
respoise of the Ogden models to strain controlled cyclic loading is illustrated

graphically inFigure 5.6. In this figure the materials models are stretctee&0%
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and 60% strain in tension and compressed by 50% and 60% strain in compression, as
shown in the insert. The response of the polynomial with perfect plasticity to
monotonic loading is also shown and a stress plateau on loading can be observed in
tenson and in compression. The responses of the Ogden models (N=1 and N=6)
combined with the Mullins effect show that the unloading path differs from the

loading path in tension and in compression.

To fit the Mullins effect damage model the material respowseyclic strain
controlled loading is required. In the data of Loe¢al.[15] only monotonic loading

was performed. This means that the resulting polynomial model could not be
combined with the Mullins effect. As cyclic strain control loading data was available
for the Maher datg16] the Mullins effect model could be applied tiee Ogden
models. However due to the general softness of these models (for both models in
compression, and in tension for the first order Ogden model), where stresses lower
than the assumed plastic yield stress (0.4 MPa) would be experienced for the most
part during loading, it was decided not to include the perfect plasticity assumption in

these models.

The calcifications are consideréal be isotropic and to be linear elastic in terms of
finite deformation strain and stress measures. They have a Y®dodigus ofE =

1GPa and a Poisson's Ratiogef 0.3. The stiffness of the particles is taken from the
experimental data of Ebenstegt al. [/ usi ng the cal cul ated
derived from the indentation unloading curves. The lipid pool is considered to be
isotropic, to behave as a very soft solid and is modelled using the same approach as
Holzapfelet al.[1]. It is modelled using the isotropic portion of the material model
proposed by Gasset al.[13] and is assigned&of 0.05 kPa. The reader is referred

to Chapter Two (Equation 2.22) for a remindeéits formulation.
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The stiff tube modelled in the twghase expansion simulations is modelled as elastic

and has a Youngés Modulus of 200 GPa and

As described previously in Chapter Four, the elastic behaviour of the stent is
corsidered to be linear and isotropic in terms of finite deformation stress and strain
measures as discussed i n Ché&pk0® GPaardo, wi !
Poi s s on 06g= @& .tPlagiicityid described by isotropic hardenipdlow
theory,where the specific form of the strain hardening curve is taken from McGarry

et al. [17], including a yield strength of 264 MPa and a UTS of 584 MPa at an
engineeing plastic strain of 0.247. The stent is modelled as the biomedical grade
stainless steel alloy 316L. This methodology is consistent with the general approach

taken in the literature for stent deformation, for example$18:20].

In the balloon expandable stenting simulations, a s@mpliant nylon balloon
mounted on a high density polyethylene catheter positioned using a gitidelvire

is used. As described previoysh Chapter Four,a&h are modelled as behaving as
linear and isotropic in terms of finite deformation stress and strain measures, similar
to the approach documented in Mortetral [11]. The guidewire deformations are
assumed to be small and superelastic properties of nitinol are negleibézi43 of
Chapter Fousummarises the elastic constants for each component. Included also |
Table 43 is the mass proportional Rayleigh damping coefficiéhised for each
component in the delivery system. As stated earlier, for the balloon in particular, this
means that unrealistic diameter fluctuations during the inflating and unfoldihg of

balloon are avoided through energy dissipation.
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5.2.3 Boundary Conditions & Loading

To allow application of appropriate boundary conditions to the arterial segments, a
10 mm length of straight three layer arterial mesh is added to both ends of each
arterial segment, as described previously in Chapter Four. The proximal and distal
extremities of the extended arterial model are then pinned. This is to allow for more
representative arterial behaviour during the balloon inflation and deflation. The
proximal and dtal ends of the layer of shell elements surrounding the arterial vessel
are also pinned. The inclusion of this layer of elements adds more stability to the
analyses as this material is assignedmass proportional Rayleigh damping
coefficient similar to that used for the balloecatheter assembly components. A
coefficient of friction of 0.2 is applied to all contacting surfaces during deployment
analyses, as per the approach of Mosieal.[11]. As described previously (Chapter
Four) the pressure applied to the inner surface of the folded balloon is 1.1 MPa

which was determined from a free expansion simulation.

For the twephase expansion simulations, a uniform radigpkdicement is applied to

all nodes of the stiff tube. All other degrees of freedom are fully constrained. The
amplitude curve applied to the radial displacement of the nodes is shdvigune

5.7. The tube is expanded first, with contact between the stent and tube switched off
for the first inflation. The tube is then deflated andnféated, with contact between

the stent and tubenstched on for the second inflation. The tube is then deflated
leaving the stent in place as a scaffold for the artery. Its purpose is to observe the
effects of inclusion of the Mullins effect on the atherosclerotic tissue response. For
this reason the maxum amplitude of the second loading cycle is 10% higher than
the first loading cycle for the Mullins effect to become active. For comparison, two

phase expansion simulations are performed with the tube only to compare with the
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two-phase stent expansiomsilations. An illustration of the twphase expansion of

a stent is shown iRigure5.8.

5.3 Results

5.3.1 Analysis of Results

The use of computational modelligives great insight into the predicted behaviour

of tissue and implantsn vivo, once the input parameters are realistic and
representative. But once the simulation has run there are many evaluated quantities
to be considered. For the simulations preskmmethis section of the work, it was
decided to look in detail at the deformed lumen shape as this can show how the
tissue is responding to the stent and also how the stent is performing as a scaffold.
To examine the deformed lumen shape a python s@kigpendix B)was utilised

which calculated the lumen cressctional area based on the deformed nodal
coordinates in the Abaqus output data for each circumferential path along the length
of the lesion. For each material model investigated the lumen-sectesnal area

along the length of the atherosclerotic tissue is plotted. To compare each model in
general, an average lumen crgsgtional area is calculated and compared with the
reference lumen area. All the above are evaluated at two time points liomedel,

at maximum balloon inflation and post balloon deflation.

The second measurement of interest is the stress state in the healthy arterial wall. The
variation of the constitutive behaviour of the atherosclerotic tissue has an effect on
the stressesdnsferred to the healthy arterial wall. The percent tissue damage risk (as
defined in Chapter Four) is calculated in each healthy arterial layer for each variation

in constitutive model. To recap, this value shows the proportion of elements
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exceeding repted UTS values for each arterial layer compared to the total number

of elements.

Finally, the third measure of interest is the stress state in the diseased atherosclerotic
tissue and for this several sets of stress contour plots were examined at two time

points, maximum balloon inflation and post deflation.

Also to be mentioned are the simulation run times for these analyses. These were on
the order of 400 CPU hours each, and the run time more than doubled when the mesh
density was increased to includdotfécations in the analyses. Also the number of
runs required was significant due to the number of variables involved in the
parameter studies. This also included significant numbers of development and trial
simulations to generate working models, givdme tcomplexity of the analyses

performed.

5.3.2 Direct Stenting Analyses

In the forthcoming sections, the results for lumen ceesdional area measurement,
predicted tissue damage risk and stress state in the diseased tissue will be presented
for the direct steting analyses. These simulations are performed with deployment of

the stent via balloon inflation.

Several parameters are varied during the simulations. The response of the tissue is
examined when a lipid pool and calcifications are included in the asafrsd the
inclusion of suprghysiological loading response is investigated. Then the base
elasticity model is varied for the atherosclerotic tissue, i.e. the Ogden N=1, Ogden

N=6 and Polynomial N=2 material models are applied.
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5.3.2.1 Deformed Lumen Measurements

The first atherosclerotic tissue model to be examined in terms of deformed lumen
measurements, due to a direct stenting approach, is the Ogden N=1 hyperelastic
model.Figure 5.9 shows the results for the cressctional area along the length of

the lesion for the Ogden N=1 model (OgN1) on its own, the solid purple lines, and
with the Mullins effect included, the solid orange lines. Two time points were
examined, maximum balloonfiation, the respective lighter purple and orange lines,
and post balloon deflation, the respective darker purple and orange lines. The solid
lines indicate the results for a homogenous lesion tissue and the dotted lines indicate

the results for when agdid pool is incorporated into the analyses.

The lines inFigureb5.9 indicate the change in cresectional area along the length of
the lesion. Assn i n this figure there are many
and this is indicative of the general compliance of the lesion material that is allowing

localised indentation around the stent struts.

The first point to note is that the behaviour a& tvo time points is different due to
vessel recoll, and this is manifested in terms of two distinct tieFsgure5.9. The
Mullins effect should oly be activated on unloading of the material and in the top
tier the four curves show that the lumen deformations are in agreement at maximum

inflation, within the bounds of numerical accuracy for models of such complexity.

The Mullins effect should bective on unloading but in the bottom tier of results in
Figure5.9 there is little difference when including the Mullins effect on the Ogden
N=1 mode] comparing for example the dark purple and orange lines. The inclusion
of a lipid pool in the analyses (the matching dotted lines) does seem to generate quite

a noticable effect, on deflation, most significantly in terms of a redistribution of the
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lesion deformation along the length of the lesion, in particular local to the stent

struts.

Figure5.10 shows the results for the inclusion of diffuse caaifions in conjunction
with the Ogden N=1 model for atherosclerotic tissue. The dashed lines show the
results for calcifications in the Ogden N=1 model, with no Mullins effect present

(purple) and with the Mullins effect present (orange), respectively.

There is a significant difference when calcifications are includédgifire 5.9 and
Figure 5.10 are compared. The calcifications not only affect the unloaded
configuration and the distribution of lesion deformation along the length of the lesion
but also the maximum crosgctional areachieved by the stented lumen. In general
the presence of calcificatiorisindicated by the dashed linésappears to lower the

lumen crosssectional area.

The next atherosclerotic tissue model to be examined in terms of lumen cross
sectional area is th@gden N=6 model. As a reminder to the reader, this material
model is stiff in tension and soft in compressibigure 5.11 shows the results for

the acosssectional area along the length of the lesion for the Ogden N=6 model
(OgN®6) on its own, the solid blue lines, with the Mullins effect included, the solid
red lines. Two time points were examined, maximum balloon inflation, the
respective lighter bluand red lines, and post balloon deflation, the respective darker
blue and red lines. The solid lines indicate the results for a homogenous lesion tissue
and the dotted lines indicate the results for when a lipid pool is incorporated into the

analyses.

In Figure5.11 the results at maximum balloon inflation are very similar, as expected.

However on unloading of the balloon the results remain quitdasimi contrast to
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the Ogden N=1 case. Again, the inclusion of the Mullins effect produces little
difference on the luminal measures, however the analyses also appear to be not that

sensitive to the presence of a lipid pool.

The next case to be examinedthat for the Polynomial N=2 model (P2) for the
lesion, again at two time points inflation and deflation, with and without plasticity
and with and without a lipid pool preseRigure5.12 shows the results for lumen
cross sectional area along the length of the lesion. The light pink and green lines
show the results at maximum balloon inflation and the dark pink and green lines
show the results post babn deflation. The results for the Polynomial N=2 model on

its own are shown in green and the results for the inclusion of plasticity are shown in

pink. The results for inclusion of a lipid pool are shown by the dotted curves.

To remind the reader, theognomial N=2 model is much stiffer in tension and in
compression than the Ogden N=1 model (as showhigare 5.4) so the lumen
deformations are much smoother around the stent struts due to this increase in
stiffness. Secondly there is significant difference at maximum balloon inflation
between pure hyperelastic polynomial (solid pink curve) and hyperelastic in
combhnation with plasticity (solid light green curve). There is more lumen gain
when plasticity model is used, as due to its characteristics the stress is limited which

encourages straining within the tissue.

The difference between the respective curves diatae of the balloon is also
significant. The difference between the light and dark green curves (plasticity
included) is less than the difference between the light and dark pink curves (pure
hyperelastic). This indicates that vessel recoil is less dudgion of plasticity (an

effect noted in the previous chapter). Finally, the inclusion of a lipid pool in this set
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of analyses tends to increase the lumen gain in the middle region of the lesion in all
cases. This is most likely due to a softening eftectits inclusion, relative to the
stiffness of the Polynomial N=2 material, which means it is easier to deform the

tissue. However, the effect is much less than the effect of plasticity on its own.

Figure5.13 shows the results for the percentage difference iatbeagelumen area
compared with the reference lumen area, at maximum balloon inflation, shown in

red, and post balloon deflation, shown indglfor all models discussed above.

A value of zero on this graph indicates that the ovenatfagecrosssectional area

is the same as the required reference lumen area, i.e. no net difference between the
overall deformed crossectional area and the eeénce lumen area. A positive value

on this graph indicates that the average csess$ional area is greater than the
reference lumen area and conversely a negative value indicates that the average

lumen crosssectional area is less than the reference tuanea.

One of the clearest observations from Figure 5.12 is that, in terms of this overall
guantity, all models produce generally similar results. At maximum balloon inflation
(the red columns) the percent change varies only between 7 to 11 percent for al

material models.

Differences post balloon deflation are more significant (blue columns), where the
percent change varies betweénto 4.5 percent for all material models. Differences

are negative, i.e. less than the reference lumen area (least lunm@n vgaen
calcifications are included and when the polynomial model is used. In these cases the
stent design is being more challenged in its scaffolding ability due to the stiffness of

the lesion material. While, from Figure 5.12, the inclusion of caftifins does
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appear to have a noticeable overall effect of stiffening the lesion material, the effect

of the lipid pool is less significant for all of the base elasticity models used.

Overall, the results shown in Figures 5.8 to 5.12, suggest that thesgibf the base
elasticity model may be the most important parameter in determining the luminal
measures considered here. The lipid pool does appear to have an effect locally in the
lesion, which is dependent on the base elasticity model, but not cagrtifi in terms

of the overall average behaviour. The calcifications do have a noticeable effect, both
locally and on average. Finally, the inclusion of the Mullins effect may not be that
important, at least for the range of base elasticity models fdedien considered

here.

5.3.2.2 Tissue Damage Risk

The next step in pogtrocessing the analyses is to examine the stress state in the
healthy arterial wall at two time points, maximum balloon inflation and post balloon
deflation. The values can then be compavetd UTS values for each healthy arterial

layer.

Figure 5.14 shows the predicted percent tissue damage risk results in each arterial
layer, for allatherosclerotic tissue models previously discussed, in the SAL50 model,
with a homogenous lesion representation. The grey columns indicate the results at
maximum balloon inflation and the coloured columns show the results post balloon
deflation. As expectk the predominant percent tissue damage risk occurs in the
innermost layer, the intima, with substantially less damage likely in the outer two
layers. The stiffer lesion as represented by the P2 model seems to inflict the greatest
damage in all three laygrThe least stiff model, Ogden N=1, results in less damage

to the intimal layer and negligible damage to the other two layers by comparison.
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The grey columns indicate in all cases that damage is greater at maximum balloon
inflation as would be expectedh& inclusion of the Mullins effect has a negligible
effect also, and similarly for the inclusion of plasticity, for this particular

performance measure.

The effect of including a lipid pool is shown in the percent tissue damage risk results
in Figure 5.15 for all six types of atherosclerotic lesion modelled. A very similar
trend can be observed when compared Wigure5.14 but on the whole the percent
tissue damage risk is slightly less in all cases. This suggests an overall softening
effect due to the presence of the lipid pool, which is consistent with trezajerend

observed for the luminal crosgctional area results.

Finally, the effects of including a lipid pool and including calcifications in the base
atherosclerotic matrix, on the percent tissue damage risk are compafreglia

5.16. The base atherosclerotic matrix is modelled using the Ogden N=1 model and
results for each case are shown with and without the Mullins effect. The inclusion of
thelipid pool as before has a softening effect and reduces percent tissue damage risk.
The inclusion of a small percentage of calcifications results in a stiffening and an
increase in percent tissue damage risk, and it even becomes apparent in the medial

layer.

5.3.2.3 Stress Distribution in Atherosclerotic Tissue

The reader is referred tagure5.17 for examples of the stress state in the deformed
atheroscleroti tissue modelled with the Ogden N=1 material mo&ejure 5.17-

A,B show the von Mises stress state at maximum balloon inflation and post balloon
deflation respectivelyFigure5.17-C,D show the von Mises stress state when a lipid

pool is included at maximum balloon inflation and post balloon deflation,
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respectively, and finallyFigure 5.17-E,F show the von Mises stress state in the
deformed tissue when calcifications are present at maximum balloon inflation and
post balloon deflation respectively. As a note to the reader the stresses presented in

this and all forthcoming stressgpé are in presented in MPa.

The first point to note is the overall differences in stress level between the respective
pairs in the two columns. At maximum balloon inflation (left column) the
atherosclerotic tissue is more highly stressed than after bableflation (right
column). This is to be expected as after the balloon is deflated it is only the stent that
is exerting a load on the artery, as the vessel attempts to return to its original stress
state. The inclusion of a lipid pool lowers the ovestiess in the atherosclerotic
tissue whereas the inclusion of calcified particles increases the overall stress in the
tissue. Interestingly, when calcifications are present the von Mises stress inthe non

calcified tissue is increased around the stentsstru

This examination of the von Mises stress state in atherosclerotic tissue raises the
guestion of how these stresses compare with stresses in ruptured plaques. As a
reminder to the reader, the study ofdtial. [21] created 2D finite element models
derived from MRI imaging of vulnable plaques that had ruptured and vulnerable
plaques that had not ruptured. In the finite element simulations the 2D models were
subjected to pulastile loading and the resulting von Mises stress state examined. It
was found that the mean maximal von Misé®sses were higher in the ruptured
plaques (683.3 kPa) than those in the unruptured plaques (226.9 kPa). The results of
the stenting simulations shown kigure5.17-E,F indicate several regions of stress
exceeding those rupture stresses repof2dd. The implications of this shall be

discussed in the final section.
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However, the von Mises stress measure is a positive scalar quantity that gives a good
indication of multiaxial stress state but does not capture whether the material is in
tension or compression (the reader is referred to Chapter Two for a definition of the
von Mises stress measure). For this reason, the maximum and minimum principal
stresses at maximum balloon inftati are also examined. Figure 5.18-A,B the
minimum and maximum principal stresses in atherosclerotic tissue modelling with
the Ogden N=1 material model are shown. RAigure 5.18-C,D the effects of
inclusion of a lipid pool on the minimum and maximum principal stresses in
atherosclerotic tissue are plotted. FinallyFigure5.18-E,F the effects of inclusion

of calcified particles on the minimum and maximum principal stresses are shown.

In the minimum principal stress plots (left column), the predominant stresses are
compressive and in the magnitude range 0 to 1.9 MPa (dark andolightje
regions). However there are several tensile regions in the magnitude range 0 to 0.2
MPa (red regions) when calcifications are present. In the maximum principal stress
plots the predominant stresses are tensile and in the magnitude range 0 té’8.12 M

(dark cyan regions).

The von Mises stress state of atherosclerotic tissue modelled with the Ogden N=6
material model is shown ifrigure 5.19. The stress state at maximum balloon
inflation and post balloon deflation are showrFigure5.19-A,B respectively. The
effects of inclusion of a lipid pdmn the diseased tissue stress state are shown in
Figure 519-C,.D at maximum balloon inflation and post balloon deflation

respectively.

As before for similar stress plots for the Ogden N=1 material model, the overall von

Mises stresses are higher at maximum balloon inflation (left column) than after
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balloon deflation (right columns). The inclusion of a lipid pool also appears to lower
the overall resulting stress in the tissue. Comparing the values determifegline

5.19 with rupture stress reported by éfi al. [21] (683.3 kPa) it can be seen that there
are agairseveral regions exceeding this value. However, they are less concentrated

than those ifrigure5.17 and are more diffuse.

The minimum and maximum priipal stresses in atherosclerotic tissue, at maximum
balloon inflation, modelled with the Ogden N=6 material model are shoWwigure

5.20. For a homogeneous lesion representation, the minimum and maximum
principal stresses are shownHigure5.20-A,B respectively. The effects of incios

of a lipid pool on the minimum and maximum principal stresses are shokgure

5.20-C,D respectively.

In the minimum principal stress plots f{leolumn) the stresses are predominantly
compressive and are in the range 0 to 0.47 MPa (dark orange regions). In the
maximum principal stress plots the predominant stresses are tensile and in the range

0 to 0.12 MPa (light blue regions).

The stress statof atherosclerotic tissue modelled with the Polynomial N=2 material
model is shown irFigure5.21. The stress state at maximum balloon inflation and
post balloon deflation are shown Kigure 5.21-A,B respectively. The effects of
inclusion of a lipid pool on the atherosclerotic tissue stress stat&hawn inFigure

5.21-C,D at maximum balloon inflation and post balloon deflation respectively.

As before for similar stress plots for the Ogden N=1 and N=6 material models, the
overall von Mises stresses are higher at maximum balloon inflation (left column)
than after balloon deflation (right columns). The inclusion of a lipid pool also

appears todwer the overall resulting stress in the tissue. However, as with similar
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stress plots for the Ogden N=1 and N=6 material models, there are many regions
exceeding the rupture stresses reported bst lal [21]. The regions exceeding the

rupture stresses are greater this time and verygunced.

Finally, the minimum and maximum principal stresses in atherosclerotic tissue, at
maximum balloon inflation, modelled with the Polynomial N=2 material model are
shown inFigure5.22. For a homogeneous lesion representation, the minimum and
maximum principal stresses are showrigure5.22-A,B respectively. The effects

of inclusion of a lipid pool on the minimum and maximum principal stresses are

shown inFigure5.22-C,D respectively.

In the minimum principal stress plots (left column) the stresses are predominantly
compressive and are in the range 0 to 0.84 MPa (dark and light orange regions). In
the maximum principal stress plots the predominant stresses are tensile and in the

range0 to 1.27 MPa (light blue and green regions).

5.3.3 Two-Phase Expansion Simulations

As discussed above, a straight stiff tube is used as the deployment mechanism in the
two-phase expansion simulations; this represents a simplified version of some
approaches tetenting implantation presented previously. The results are analysed in
terms of lumen gain measurements along the lesion length and in terms of percent
tissue damage risk. An illustration of the stages of deployment of ghase

expansion simulation shown inFigure5.8.

5.3.3.1 Deformed Lumen Measurements
Figure5.23 shows the response of the deformed lumen to the expansion process at
two time points, Inflation Two and Deflation Two (please refeFigure 5.7), for

two material modelling approaches for the atherosclerotic tissue, the first order
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Ogden model with and without the Mullins effect and for a tube deployment only

and a tubestent deployment.

The time points Inflation One and Deflation Owere not included in the plot as

they produced identical results in terms of lumen gain. For the first cycle, each
arterial model was inflated with a tube and the atherosclerotic material model was
also varied from pure hyperelastic to including the Nhglleffect. All four curves

were identical and hence not included in the figure. This was to be expected as the
Mullins effect only becomes active on unloading during the first cycle. Since the first
unloading was with the tube and no scaffold was remaiinglace the arterial

vessel would become fully unloaded and reach the same undeformed state regardless

of the whether the Mullins effect was included, and the analyses verified this.

At the maximum of the second loading cycle, the same lumen-sectisnal area
pattern is observed for the tubaly deployment analyses both with and without the
Mullins effect. The same lumen cressctional area pattern is observed for the stent
deployment analyses both with and without the Mullins effect. This is éxjpected

as the material should return to its original loading path on loading to a new

maximum strain, as is the case in the loading of the tube during the second inflation.

At the final time point, Deflation Two, the same lumen ciesstional area patieis
observed for the tubenly deployment. This is expected as the tissue becomes fully
unloaded and should return to same state, both with and without the Mullins effect.
However the results were not as expected for the stent deployment simulations.
Esentially, the same lumen cressctional area pattern is observed both with and
without the Mullins effect. The tissue is not reaching a fully unloaded state in this

case, due to the presence of the stent, and it was thought that the unloading of the
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tisste would follow a different path when the Mullins effect was included. However
as shown inFigure 5.6 with the first order Ogden model the leadload path
difference is very minor. This is most likely due to the softness in general of the

atherosclerotic tissue model selected.

5.3.3.2 Tissue Damage Risk

The results for the predicted intimal tissue damage risk are shokigure5.24 for

the four time points, Inflation One, Deflation Two, Inflation Taswd Deflation Two.

The results are shown only for the intimal layer as there was no significant damage

predicted in the medial or adventitial layers for all analyses.

At the maximum of the first loading cycle, Inflation One, there is no significant
difference in predicted intimal tissue damage risk both with and without the Mullins
effect, the solid red and yellow columns respectively. This is true for both the stent
and tubeonly analyses. Similarly at the minimum of the first loading cycle,
Deflation Ore, there is no significant difference in the results as the tissue reaches an

unloaded state in both deployment cases.

At the maximum of the second loading cycle, Inflation Two, there are differences
between the tubenly deployment results. When the Muabli effect is included there

is less predicted intimal tissue damage risk, the height of the green column on the left
of the graph is less than the height of the purple column on the left of the graph. This
is most likely due to the different reloading ceifollowed on the second cycle when

the Mullins effect is included. For the stent deployment analyses there is no
significant difference in the predicted intimal tissue damage risk at Inflation Two, the

heights of the solid purple and solid green colunmesessentially the same on the
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right of the graph. This may be due to the presence of the stent having a more

dominant effect that the inclusion of the Mullins effect.

At the final time point, Deflation Two, there is no difference between thedalye

reailts. This is to be expected as the tissue reaches a fully unloaded state regardless
of the unloading path followed. However for the stent deployment simulations the
unloading results are slightly different. There is less predicted intimal tissue damage
risk when the Mullins effect is included, the height of the hatched green column is
less than the height of the hatched purple column. Bearing in mind that that in the
stented case the tissue does not fully unload, this shows that the different unloading
path followed when the Mullins effect is included does have an effect, albeit slight,

on the residual arterial stress state.

5.4 Discussion & Conclusions

The focus of this chapter is to examine the different approaches to modelling
atherosclerotic tissue respento stenting, and then to use these results to generate
recommendations for the FDA for their guideline document for-cliomcal

engineering tests for coronary stej@s

5.4.1 Discussion of Results from Direct Stenting Simulations

Three different hyperelastic models for the base matrix of the atherosclerotic lesion
wereinvestigated in the direct stenting simulations. The inclusion of a lipid pool and
the inclusion of calcifications in the lesion were investigated. Finally the response of
the models to the inclusion of plasticity within the base lesion material and the
response of the models to the inclusion of the Mullins effect within the base lesion
material were also investigated. The results were examined in terms of deformed

lumen measurements, percent tissue damage risk in the healthy arterial wall and the

222



ChapterFive

atherosatrotic tissue stress state. All results were examined at maximum balloon

inflation and post balloon deflation.

A detailed examination of the deformed lumen was givefigare5.9, Figure5.10,

Figure 5.11, andFigure 5.12. Looking at the results overall in these figures, one
major conclusion is that the inclusion of the Mullins effect on the base
atherosclerotic tissue behaviour does not have significant effect on the dikforme
shape of the tissue in a direct stenting simulation. The inclusion of plasticity, as
found in Chapter Four, does have a significant effect on the results for deformed
lumen measurements. The inclusion of the Mullins effect does not limit the stress the
tissue can support on loading. On the contrary, the inclusion of perfect plasticity does
limit the stress the tissue can support. This means that straining is encouraged when

plasticity becomes active and then affects the deformed lumen measures.

Looking atthe results locally, i.e. the deformations around the stent struts, one can
see that irFigure5.9 for example that the inclusion of a lipid pool wabrrounding
matrix of tissue modelled with the Ogden N=1 model induces a redistribution of
lesion deformation along its length, and in particular a lower «essonal area
around the struts post balloon deflation; on deflation, the lipid pool, repires&fo

of the lesion by volume, reduced the cresstional area local to the stent struts by
up to 3%. However, when the surrounding matrix is modelled with the much stiffer
Ogden N=6 model the local deformation distribution results are very simildr, wit
and without a lipid pool. This is also the case for the Polynomial N=2 model. This
indicates that presence of a lipid pool may only have an effect on a very soft

surrounding matrix and less so on a stiff surrounding tissue.
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Looking at the inclusion ofalcifications surrounded by a tissue matrix represented
by the Ogden N=1 model ifrigure 5.10, the results locally vary greatly. The
presence of the tAfications affects the local deformation both at inflation and on
deflation. For the same given applied pressure to the balloon expanding the stent, the
same deformed lumen is not achieved when calcifications are present. On deflation,
the inclusion of (% calcifications, by volume, reduces the range in lumen -cross
sectional area by 0.2 nfnor 3%. This implies that for even a small volume of
calcifications present in a lesion (in this case 0.5% of the total lesion volume) the
cardiologist may have to inflate to a higher pressure to gain the desired lumen cross
sectional area. This is evidenlinically also, as when calcifications are present
sometimes a subsequent balloon inflation (with pressures up to 20 atm) have been
reported if adequate stent expansion is not achi¢22H From a macroscopic
perspective, theesults inFigure5.13 show that the overall performance of the stent

is being challenged when calcifications are present, as it does not achieve the

reference lumen area on deflation of the balloon.

From a percent tissue damage risk perspective, the inclusion of the Mullins effect on
the base atherosclerotic tissue behaviour does not have a significant effect, as seen in
Figure 5.14. The inclusion of plasticity has a slight effect on the percent tissue
damage risk results. Therefore, the inclusion of advanced damage modelling, such
as the inclusionof the Mullins effect, may not be necessary for modelling the
response of a soft atherosclerotic tissue to stenting. However, as a step toward
representation of supyzhysiological loading response the inclusion of plasticity
could be recommended. As theclusion of plasticity in the atherosclerotic tissue
limits the stress supported by the tissue, it encourages redistribution of the stress in

the healthy arterial wall thus resulting in higher predicted tissue damage risk.
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The results for the presence aflipid pool indicate a softer overall atherosclerotic
body in the simulations. This reduces the percent tissue damage risk in all cases, on
average by 2%, whereas the presence of diffuse calcifications increases the percent
tissue damage risk in the Ogder1 case modelled by 7%, as seerFigure5.16.

The presence of the calcifications results in a stiffer overall atherosclerotic body.

Taking all of the above into account, i.e. the examination of the deformed lumen
areas and the predicted tissue damage risk in the healthy arterial wall, one is led to
the critical conclusion that, for stenting applications, the base elasticity model for
atherosclerotic tissue is the key aspect of the lesion modelling (for a given stenosis

level) that determines the overall computationatbest predictions.

Focusing on the micromechanical stress state in the lesion, presefigdra5.17
to Figure 5.22 were the stress states of the atherosetetssue for inclusion of a
lipid pool, diffuse calcifications, and variation of the base elasticity material model

in terms of von Mises stresses and the maximum and minimum principal stresses.

An interesting result from examination of the von Misesssirplots is that stresses
greater that the rupture stress levels reported bgt lal. [21] can be observed in

these plots, both at maximum balloon inflation and post balloon deflation, and when
the tissue is homogeneous or inhomogeneous. This is also the case if one looks at the
maximum principal stresses (from Figures 5.17, 5.19 and 5.21), and is true for all of
the base elasticity models, including the very soft Ogden N=1 model. This indicates
that the expansion of this particular stent design may generate a rupture risk, for the
atherosclerotic tissue associated with it. It also has a broader implication that
accurate knowledge of the local strength of the lesion material is critically important

in the further development of models such as those developed here forthedtest
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so that the lesion rupture risk of different stent designs can be accurately assessed as

part of the stent design process.

Looking at the results for the minimum and maximum principal stresses it can be
seen for the Ogden N=1 material model that the compressinenum principal
stress range is an order of magnitude greater than the tensile maximum principal
stress range. For the Ogden N=6 material model the compressive minimum principal
stress range is twice that of the tensile maximum principal stress ramgevét for
the Polynomial N=2 material model, the tensile maximum principal stress range is

nearly twice the compressive minimum principal stress range.

Consideration of these stress ranges generates the implication that for an
atherosclerotic plague witkoft compression properties, such as the Ogden N=1 and
N=6 material models (see Figure 5.4), the predominant mode of loading is radial
compression. However if the atherosclerotic tissue is stiff in compression, the
Polynomial N=2 material model (Figure4}. the predominant mode of loading is
circumferential tension. This indicates the importance of mechanically testing
atherosclerotic tissue in tension and in compression to fully capture the tissue
behaviour, as this has important effects oninhévo stress state of the tissue during

loading.

Based on all of the above (deformed lumen areas, predicted tissue damage risk and
lesion microscale stress state) one can conclude that, for stenting applications, the
choice of the base elasticity model for thesibn, combined with an accurate
knowledge of lesion material strength, are the key drivers in determining the overall

computational tedbed predictions.
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5.4.2 Discussion of Results from TwePhase Expansion Simulations

The second study examined the response of the tissue to-ph&se expansion
simulation with a stiff tube acting as the deploying mechanism. A detailed
examination of the lumen crasectional area on the second loading cycle for two
time points, Inflatim Two and Deflation Two, ifrigure5.23 shows that the Mullins
effect has no significant effect on the resulting deformed lumen geometry. As
expectedhe stent deployment versus the tube deployment produced different cross

sectional area patterns due to the nature of the geometries involved.

The results for the percent predicted tissue damage risk showigune 5.24

indicate that for the stent deployment case, the stresses within the tissue are the very
similar for both approaches (with and without Mullins effect), with only a slightly
lower tissue dmage risk being observed for the Mullins effect case on unloading. In
the tube only case, a noticeably lower tissue damage risk is observed on Inflation 2
(reinflation) when the Mullins effect is included that is not seen in the stent
deployment case. Thiis most likely due to the nature of the tissue damage risk
evaluation, i.e. as a percentage of the tissue above a stress threshold. In the tube only
case stresses are lower in general so that it is quite possible that the percentage of the
tissue abovehie threshold is quite sensitive to small changes in stress state, as would
be generated by the inclusion of the Mullins effect, whereas in the stent deployment
case, stresses are much higher overall, as driven by the presence of the stiff stent, and
hencethe percentage of tissue over the threshold is much less sensitive to small

stress changes.

Overall however, the clinical situation of most interest is when a stent is being
deployed, and what is shown here is that the use of the Mullins effect to takmtac

of the loading history (i.e. that there was a predilation), is insufficient to generate any
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noticeable predilation effect, at least in the context of the soft lesion case (Ogden
N=1) considered here. To depict the stretsge and the response of thessel to a
two-phase expansion technique a model accounting for permanent damage, i.e. the
generation of permanent inelastic strains (damage or plastic strains) within the
atherosclerotic tissue may be a better approach in these circumstances. This appea
to be the case for the very soft lesion case, however even though not directly
considered here, based on the results of the direct stenting simulations considered
above, one would not expect the situation to be significantly different however the

situaton may be different for stiffer lesion material, e.g. Ogden N=6.

5.4.3 Closing Remarks

The current FDA guidelines for natiinical engineering tests do not require the
modelling of a lesion in their stresgrain analysis section in relation to stent
deploymentmodelling. From Chapter Four it was strongly recommended that for
assessing device performance the presence of a lesion should be accounted for in
computational models, and also that the quantity of lesion tissue should be varied.
Continuing on these remamendations, from the results of this study the following is

also recommended:

1 The elastic behaviour of the atherosclerotic tissue represented in the models
should be within experimental ranges reported in the literature, and also the
local (microscale) séngth of the tissue should be considered, as these have
been determined to be the key factors in controlling stent performance
predictions in the computational models (computationaldedtpredictions).

1 The inclusion of calcifications should be accoudnfier through either explicit
representation or a significant increase in stiffness in the elasticity model for

the base matrix of atherosclerotic tissue.
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1 The inclusion of advanced damage modelling is not absolutely necessary for
stent assessment simulai$) when a soft atherosclerotic tissue is to be
modelled, but plasticity can be included to account for the supra
physiological response of the atherosclerotic tissue, in particular when the

tissue is stiffer.

The FDA guidelines are aimed at assessing ageyerformance overall and the
recommendations above generally relate to this. However the study and assessment
of local deformation and stress measures in the tissue are of critical importance in a
range of areas of research. This includes, for examglailed investigations of drug
deposition rate around stent struts and vulnerable plaque analyses, which examine
closely the stress distributions in the tissue and in particular around the fibrous
plaque cap. The risk of plaque rupture is an importanttqydo be assessed and the
stress distribution and deformations due to the presence of a lipid pool and/or
calcifications are of paramount concern in this area. From the detailed examinations
of the von Mises stress state in the atherosclerotic tissderrped here it is
observed that the stress levels may indeed induce a risk of plague rupture. This
indicates that the expansion of this particular stent design may generate a lesion
rupture risk, with the implication that accurate knowledge of the lomigth of the

lesion material is critically important in the further development of the computational
testbed presented here, so that performance of different stent designs can be more

accurately and more completely assessed.

The work presented in this apter has primarily focused on the lesion material
representation, for one of the population categories of thébeesintroduced in
Chapter Four (SAL50, see Figure 4B}, and the performance measures chosen have

the ability to capture the local and gédbdeformation and stress states. The full
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arterial testbed presented in Chapter Four, that covers a wide range of population
categories, combined with the ability to vary lesion material representation within
each of these categories (as illustrated Far&ALS0), has the definite potential to
quantify the effects of stent implantation in a useful way that can guide stent
assessment and design and it can be used to explore variable variations beyond the

scope presented here.
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Figureb.1

Histological crosssection of a lipid rich atherosclerotic arterial vessel
taken from the work of Stafi3]. Labels indicate the flawing: A7
adventitia, Mi media, cord confluent extracellular lipid core, fio

foam cells.
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Lipid Pool

Figure5.2 Schematic of lipid pool with SAL50 arterial model, with insert

showing mesh density.

Calcified Particles

Figure5.3 Schematic of calcified regions in SAL50 arterial model, with insert

showing mesh density.
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Uniaxial Response
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Figure5.4 Uniaxial responses of material models fiherosclerotic tissue to
monotonic loading in tension and compression.
Ogden N=1 Polynomial N=2 Ogden N=6
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Figure5.5

Uniaxial responses of the three material models plotted separately

with stress behaviour indicated for compressigraqdtension (+).
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Cyclic Response
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Figureb.6 Responses of Ogden models to cyclic loading in tension and
compression (insert shows strain loading amplitude) and response of

Polynomial model to monotonic loading.
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Inflation 2
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Figureb5.7 Amplitude loading curve for twphase stiff tube expansion

simulations. This amplitude curve is applied to the radial

displacement of all nodes on the stiff tube with the amplitude of

Inflation 2 being 10%igher than Inflation 1.
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Contact between
stent & tube off

Contact between
stent & tube on

Figure5.8 Example of stages of stent deployment with a stiff elastic tube.
A) Predeployment, B) Maximum inflation one, with contact
between the stent and tube turned off, C) Rasé deflation
one, D) Maximum inflation two, with contact between stent

and tube turned on, E) Post tube deflation two.

240



ChapterFive

8.5

Cross-Sectional Area (mm?)

6.5 - OgN1 Inflation OgN1 Lipid Inflation
——O0gN1 Mullins Inflation = OgN1 Mullins Lipid Inflation
——0OgN1 Deflation e OgN1 Lipid Deflation
——0OgN1 Mullins Deflation - OgN1 Mullins Lipid Deflation
6 T v
0 4 Zposition along axis (mm) 3 12
Figureb5.9 Crosssectional measurements along the length of the atherosclerotic

tissue geometry, Z position along axis (please refétigare5.8-A),

for variations in constitutive behaviour and inclusions within the
atherosclerotic tissue. Two time points are shown, lumen -Cross
sectional area at maximum balloon inflation, light purafel light
orange curves, and lumen cresctional area post balloon deflation,
dark purple and orange curves. Results for the Ogden N=1 model only
are shown in solid purple curves and results for inclusion of the
Mullins effect are shown in solid orangmirves. The results for

inclusion of a lipid are shown by the respective dotted curves.
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Figure5.10

Crosssectional measurements along the length of the atherosclerotic
tissue geometry, Z position along axis (please reféiigare5.8-A),

for variations in constitutive behaviour and inclusions within the
atherosclerotic tissue. Two time points are shown, lumen -Cross
sectional area at maximum balloon inflation, light purafel light
orange curves, and lumen cresctional area post balloon deflation,
dark purple and orange curves. Results for the Ogden N=1 model only
are shown in solid purple curves and results for inclusion of the
Mullins effect are shown in solid orangmirves. The results for
inclusion of a calcifications are shown by the respective dashed

curves.
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