
LEABHARLANN CHOLAISTE NA TRIONOIDE, BAILE ATHA CLIATH TRINITY COLLEGE LIBRARY DUBLIN
OUscoil Atha Cliath The University of Dublin

Terms and Conditions of Use of Digitised Theses from Trinity College Library Dublin 

Copyright statement

All material supplied by Trinity College Library is protected by copyright (under the Copyright and 
Related Rights Act, 2000 as amended) and other relevant Intellectual Property Rights. By accessing 
and using a Digitised Thesis from Trinity College Library you acknowledge that all Intellectual Property 
Rights in any Works supplied are the sole and exclusive property of the copyright and/or other I PR 
holder. Specific copyright holders may not be explicitly identified. Use of materials from other sources 
within a thesis should not be construed as a claim over them.

A non-exclusive, non-transferable licence is hereby granted to those using or reproducing, in whole or in 
part, the material for valid purposes, providing the copyright owners are acknowledged using the normal 
conventions. Where specific permission to use material is required, this is identified and such 
permission must be sought from the copyright holder or agency cited.

Liability statement

By using a Digitised Thesis, I accept that Trinity College Dublin bears no legal responsibility for the 
accuracy, legality or comprehensiveness of materials contained within the thesis, and that Trinity 
College Dublin accepts no liability for indirect, consequential, or incidental, damages or losses arising 
from use of the thesis for whatever reason. Information located in a thesis may be subject to specific 
use constraints, details of which may not be explicitly described. It is the responsibility of potential and 
actual users to be aware of such constraints and to abide by them. By making use of material from a 
digitised thesis, you accept these copyright and disclaimer provisions. Where it is brought to the 
attention of Trinity College Library that there may be a breach of copyright or other restraint, it is the 
policy to withdraw or take down access to a thesis while the issue is being resolved.

Access Agreement

By using a Digitised Thesis from Trinity College Library you are bound by the following Terms & 
Conditions. Please read them carefully.

I have read and I understand the following statement: All material supplied via a Digitised Thesis from 
Trinity College Library is protected by copyright and other intellectual property rights, and duplication or 
sale of all or part of any of a thesis is not permitted, except that material may be duplicated by you for 
your research use or for educational purposes in electronic or print form providing the copyright owners 
are acknowledged using the normal conventions. You must obtain permission for any other use. 
Electronic or print copies may not be offered, whether for sale or otherwise to anyone. This copy has 
been supplied on the understanding that it is copyright material and that no quotation from the thesis 
may be published without proper acknowledgement.



An investigation into the influence of 
cardiovascular stent design on the 

development of restenosis using the 
flnite element method

by

Caitriona Lally, BEng, MEng

A thesis submitted to the University of Dublin in partial 
fulfilment of the requirements for the degree of

Doctor in Philosophy

Trinity College Dublin 

November 2004

Supervisor 
Prof. P.J. Prendergast

External Examiner
Prof. James E. Moore Jr. 

(Texas A&M University)

Internal Examiner
Dr. Ciaran Simms



[^TRINITY C O L L E G ^

0 7 FE B̂ 2005

^  LIBRARY DUBLIN



DECLARATION

I declare that I am the sole author of this thesis and that the work presented in it, 

unless otherwise referenced, is my own. I also declare that the work has not been 

submitted, in whole or in part, to any other university or college for a degree or other 

qualification.

I authorize the library of Trinity College Dubhn to lend or copy this thesis on request.

Caitriona Lally

August, 2004.



ACKNOWLEDGEMENTS

I am indebted to my supervisor. Prof. Patrick Prendergast, who has given me the 

opportunity to work in his group for the last four years during which time I have 

learned so much from him. He has inspired me to strive to answer many research 

questions and I hope to have the opportunity to work with him further in the future.

I would like to thank the many people from Medtronic AVE in Galway that 

helped me throughout this project. I would especially like to gratefully acknowledge 

the advice and support that Dr. Finbar Dolan gave me during this project.

Many thanks to Prof Clive Lee from RCSI for providing both his knowledge 

and expertise when it came to the delicate matter o f obtaining human arteries and 

Phillippa Marx from the Trinity Bioresources centre for her invaluable assistance in 

obtaining coronary- arteries for testing, I would also like to thank Judith Brands from 

Eindhoven University for her assistance on the fatigue testing and Dr. Niall Mulvihill 

from St. James’ Hospital who gave me a unique opportunity to see coronary stenting 

in practice and for this I am really grateful.

Thanks to Andy Bell from Marc/mentat for all his help, Alan Reid, Gabriel 

Nicholson and Peter O ’Reilly, who helped to design and make the experimental 

devices for this project and Joan, Sheena and Nicole for all their assistance.

My time in Trinity College has been a very enjoyable one. This is due to the 

people I have worked with. Particularly, I would like to thank Mary, who has always 

been great company during all those coffee breaks, John B, Linda, Bruce, Danny, 

Laoise, JV, Alex, Richard, Paul, Kevin, Conor, John G, Susanne, Adriele, Seosamh, 

Toman, Fergal and all of the other postgrads.

I would also like to thank my fnends outside Trinity College, Niamh, Tanja, 

Kathy and Gemma, who very patiently listened to all my woes even though they 

haven’t the faintest clue what finite element analysis is.

Finally, I would like to thank my parents, Maria and Padraic, for all their 

support during my many years o f research and for keeping their faith in me, my sisters 

and brothers, for their encouragement, and Fiachra, for his support and, of course, his 

patience.

This work was funded by Enterprise Ireland and Medtronic AVE 
Project no: HE/2000/368



PUBLICATION AND PRESENTATIONS 

RESULTING FROM THIS STUDY

C. Lally, P.J. Prendergast, T.C. Lee, D. Quinn and F. Dolan. An investigation of the 

extent of tissue prolapse within various stent designs using the finite element method. 

In Proceedings o f the 7'* Annual Conference o f the Section o f Bioengineering o f the 

Royal Academy o f Medicine in Ireland, Louth, Ireland, p.21, 2001 [Presented January 

28* 2001, Louth, Ireland].

C. Lally, P.J. Prendergast, T.C. Lee, D. Quinn and F. Dolan. Finite element analysis 

to quantify tissue prolapse within three designs of cardiovascular stents. In 

Technology and Health Care, Volume 9, pp.110-112, 2001 [Presented at the 

European Society of Engineering in Medicine (ESEM) Conference, May 5*, 2001, 

Belfast, N. Ireland],

Lally, C, P.J. Prendergast, J.C. Messenger, S.J. Chen, A. Wu, J. Carroll and F. Dolan. 

Finite element analysis of the stress distribution within an atherosclerotic coronary 

artery during balloon angioplasty. In Proceedings o f the 8‘̂  Annual Conference o f the 

Section o f Bioengineering o f the Royal Academy o f Medicine in Ireland and the 16th 

Meeting o f the Northern Ireland Biomedical Engineering Society, Sligo, Ireland, p. 88, 

2002 [Presented January 26*’’, 2002, Sligo, Ireland],

C. Lally, P.J. Prendergast, F. Dolan. A biomechanical analysis of intravascular
thstenting of coronary arteries using the finite element method. In Proceedings o f the 5 

Annual Sir Bernard Crossland Symposium, Antrim, N. Ireland, pp. 5-20, 2002 

[Presented March 13*, 2002, Antrim, N. Ireland].

C. Lally, P.J. Prendergast, F. Dolan. 3D finite element analysis of an intravascular 

stenting procedure using a NIROYAL stent. In Proceedings o f the 4'  ̂ World Congress 

o f Biomechanics, Calgary, Canada, 2002 [Presented August 5*, 2002, Calgary, 

Canada].

C. Lally, P.J. Prendergast, A.B. Lennon, D. Quinn, F. Dolan. Finite element analysis 

of tissue prolapse within intravascular stents calculated using a single repeating unit



of a stent and a full 3D model of a stent. In Proceedings o f the 13‘̂  European Society 

o f Biomechanics, Acta o f Bioengineering and Biomechanics, 4 (Sppl. 1), pp.537-538, 

2002 [Presented September 3, 2002, Wroclaw, Poland].

C. Lally, P.J. Prendergast, T.C. Lee, D. Quinn and F. Dolan. Arterial tissue damage 

formation under cyclic loading and simulation of in-stent restenosis. In Proceedings 

o f the Annual Conference o f the Section o f Bioengineering o f the Royal Academy 

o f Medicine in Ireland, Cavan, Ireland, p.42, 2003 [Presented January 25̂ ,̂ 2003, 

Cavan, Ireland].

C. Lally, P.J. Prendergast. An investigation into the applicability of a Mooney-Rivlin 

constitutive equation for modelling vascular tissue in cardiovascular stenting 

procedures. In Proceedings o f the International Congress on Computational 

Biomechanics, Zaragoza, Spain, pp.542-550, 2003 [Presented September 25, 2003, 

Zaragoza, Spain].

P.J. Prendergast, C. Lally, S. Daly, T.C L.ee, D. Quinn & F Dolan. Analysis of 

prolapse in cardiovascular stents: a constitutive equation for vascular tissue and finite 

element modelling. ASME Journal o f Biomechanical Engineerings 2003,125:692-699.

C. Lally, F. Dolan, P.J. Prendergast. A computational model of in-stent restenosis in 

response to mechanical stress. In Proceedings o f the I0‘'̂  Annual Conference o f the 

Section o f Bioengineering o f the Royal Academy o f Medicine in Ireland, Limerick, 

Ireland, p. 3, 2004 [Presented January 30**', 2004, Limerick, Ireland],

P.J. Prendergast, C. Lally. Simulation of in-stent restenosis and its relationship with 

cardiovascular stent design. In Proceedings o f the lUTAM Symposium on 

Mechanics o f Biological Tissue, Graz, Austria, 2004 [Presented July 1̂ , 2004, Graz, 

Austria].

C. Lally, F. Dolan, P.J. Prendergast. A comparison of the stress distribution in an 

atherosclerotic vessel stented with a flexible versus a rigid stent. In Proceedings o f the 

14‘̂  European Society o f Biomechanics, 's-Hertogenbosch, The Netherlands, 2004 

[Presented July 6* 2004, 's-Hertogenbosch, The Netherlands].

IV



C. Lally , A.J. Reid, P.J. Prendergast. Elastic behaviour of porcine coronary artery 

tissue under uniaxial and equibiaxial tension. Annals o f Biomedical Engineering, 

October, 2004.

C. Lally, F. Dolan, P.J. Prendergast. Cardiovascular stent design and vessel stresses: a 

finite element analysis. Journal o f Biomechanics, in press.



LIST OF FIGURES

1.1

1.2

1.3

2.1

2.2

2.3

2.4

2.5

2.6

2.7
2.8
2.9

2.10 

2.11

2.12

3.1
3.2

3.3

3.4

Schematic of the human heart illustrating the locations o f the left and right 
coronary arteries and coronary artery atherosclerosis [Website 1], 5
A diseased coronary artery (a) before intervention, with stenotic atherosclerotic 
plaque and (b) with a deployed stent using balloon angioplasty [Website 2], 6
Stent deployment after angioplasty enlarges the lumen by stretching the artery. 
Within hours to days after stenting, caps of thrombus infiltrated with 
inflammatory cells (dark gray) form over stent struts (black rectangles), 
particularly abundant at sites of deep injury. Over ensuing weeks, a neointima 
forms (speckled area), thicker where injury is more severe [adapted from 
Edelman and Rogers, 1996], 8
The four phases o f vascular repair after stent-induced arterial injury. SAM are 
surface adherent monocytes and TIM are tissue infiltrating monocytes 
[Edelman and Rogers, 1998], 13
Relationship between the number o f monocytes in the vessel and intimal cell 
proliferation cross sectional area [Edelman and Rogers, 1998], 14
i) Human stented coronary artery after 4 months, ii)-iv) Balloon expanded 
stents in Pig coronary artery at 2 weeks, v) at 4 weeks [Virmani, 2002], 15
Late lumen loss correlates very strongly with neointimal hyperplasia in human 
stented arteries [Hoffman et al., 1996], 15
Summary of cellular events post-stenting that lead to restenosis of a stented 
vessel. 18
(a) Photomicrograph of a pig coronary artery injured by an oversized stent, 28 
days after injury, (b) Different wires have created different depths of injury. 
The depths o f injury are assigned an injury score. The extent o f neointimal 
hyperplasia is seen to correlate with the depth of injury [Schwartz and 
Holmes, 1994], 20
A section o f a Palmaz-Schatz stent [Hoffman et al., 1996] 24
Schematic o f a human muscular artery [adapted from website 3]. 26
Tension-length diagrams for the wall of human iliac arteries, after selective 
digestion o f elastin fibres (trypsin), and of collagen fibres (formic acid) [From 
Burton, 1962]. 27
Equivalent modes of deformation for an incompressible material [Ansys 
Theory manuals] 34
Gripping techniques for biaxial testing, (a) biaxial testing of skin samples 
[Fung et al., 1974] and (b) gripping for thoracic aorta tissue samples [Manak 
etal., 1980], 37
Uniaxial stress-strain data for calcified human aortic plaques [Loree et al., 
1994] 39
The equibiaxial testing device. 50
Close-up view o f a human femoral biaxial specimen with the array of dots 
used to measure stretch, and the crocodile clips used to clamp the tissue. 51 
Close-up view o f a biaxial test specimen (a) illustrating the fishing hooks used 
to grip the tissue and (b) illustrating the strain measurement markers. 53
The biaxial test specimen gripping jig, (a) Individual gripping block 
illustrating: 1. Threads from loading bracket, 2. Hook placement and 3. hook 
spacers, (b) Loading bracket and gripping block, (c) The four gripping blocks 
together, (d) Tissue platform, (e) Gripping jig fitted over tissue platform to 
place hooks in tissue. 54

vi



3.5 A typical preconditioning curve showing the reduction in the hysteresis loops
during five preconditioning cycles. 56

3.6 (a) The punch used to obtain arterial test specimens in a dog-bone shape, and
(b) the shape and dimensions o f the arterial test specimens. 59

3.7 The two stainless steel grips with a specimen gripped, viewed from above. 60
3.8 The tensile and fatigue testing experimental set-up. 60
3.9 Four types of stent analysed; (BeStent 2, Medtronic AVE; NIR, Boston

Scientific; VELOCITY, Cordis, and TETRA Stent, Guidant). The arrow 
indicates the direction and the start point from which the distance around the 
periphery of the stent is taken for reporting the stress (Given in the Results 
Chapter (Section 4.4.1), Figure 4.15) 65

3.10 (a) Luminal tissue prolapse within a stented vessel (indicated by black lines),
taken from Schwartz et a/. [1994], (b) A 2D schematic of a stented vessel 
before stenting with the vessel wall ideally cylindrical and (c) After stenting 
where the tissue drapes between the stent wires. 66

3.11 Finite element meshes of the expanded stents; (a) NIR, (b) S7 and (c) the
‘simple’ stent design used for comparison purposes. 68

3.12 Cylindrical coronary vessel geometries; Artery outer radius, Ro =2 mm, Non-
stenosed artery inner radius, R/ =1.5 mm. Stenosis inner radius, R^=l mm. 
(One quarter of the vessel is cut away for visualisation) 69

3.13 Atherosclerotic coronary vessel geometry; Artery outer radius, Ro =2 mm,
Non-stenosed artery inner radius, R/ =1.5 mm. Stenosis inner radius, R/>=1 
mm, Stent radius, Rs = 1.75 mm. (One quarter of the vessel is cut away for 
visualisation) 70

3.14 The iterative process regulating in-stent restenosis; the stresses within the
artery wall determine the level o f damage in the tissue, and hence the degree of 
in-stent restenosis formed within the stented vessel. 73

3.15 (a) Segments of the stented vessels illustrating the thrombotic elements (pink) 
in (b) and the potentially restenotic tissue growth within the artery lumen 
surrounding the stent (white) in (c). (Pre-stented artery inner radius, R/ =1.5 
mm. Artery outer radius, Ro=2 mm; Axial stretch applied to the artery, >^^=1.2)

78
4.1 Uniaxial and biaxial stress-stretch data for the human femoral arterial tissue.

Each curve is numbered for later discussion. 85
4.2 Uniaxial stress-stretch data for the porcine coronary arterial tissue; rectangular

test specimens are shown in black and dog-bone specimens in red. 86
4.3 The circumferential (a ), average (•) and longitudinal (□) stress-stretch data

from the equibiaxial tests on the porcine coronary arterial tissue. 87
4.4 Uniaxial and biaxial data for the human femoral arterial tissue with the fitted

uniaxial and biaxial behaviour o f the constitutive model (red dashed lines), see 
Table 4.1. 88

4.5 Uniaxial data for the porcine coronary arterial tissue with the fitted uniaxial
behaviour o f the constitutive model (dashed line), see Table 4.1. 89

4.6 Average biaxial data for the porcine coronary arterial tissue with the fitted 
biaxial behaviour o f the constitutive model (red dashed line), see Table 4.1. 90

4.7 Human calcified plaque properties (data points), adapted from Loree et al.
[1994], and the fitted uniaxial and biaxial behaviour of the constitutive model 
(solid lines), see Table 4.1. 91

4.8 The Moony-Rivlin constitutive models (Table 4.1) used to describe the human 
femoral arterial tissue (blue), the porcine coronary arterial tissue (grey) and

vii



stenotic plaque non-linear elastic behavior (red). The solid lines represent 
uniaxial behaviour and the dashed lines represent the biaxial behaviour of the 
tissue. 92

4.9 Uniaxial stress-stretch data for porcine coronary arterial issue to obtain the
UTS of the tissue. 93

4.10 The displacement versus applied force of a fatigue test on porcine coronary
arterial tissue carried out at 10-30% of the UTS. 94

4.11 The displacement versus number of cycles for a fatigue test on porcine
coronary arterial tissue carried out at 10-30% of the UTS. 95

4.12 The amplitude of the displacement and force of a fatigue test on porcine
coronary arterial tissue carried out at 10-30% of the UTS. 96

4.13 The arterial stiffness at intervals during a fatigue test carried out at 10-30% of
the UTS. 97

4.14 The S-N curve for porcine coronary arterial tissue 98
4.15 The non-linear relationship between the rate of damage accumulation within

porcine arterial tissue and the mean stress level within the tissue at which the 
tissue is cyclically loaded. 99

4.16 The maximum prolapse of the vascular tissue within the repeating unit of the
four stents analysed using human femoral arterial properties. 100

4.17 Prolapse of the four stents: Contour plot of the radial displacements in the 
BeStent 2, Medtronic AVE; the NIR, Boston Scientific, the VELOCITY, 
Cordis, and the Tetra Stent, Guidant, for porcine aortic tissue properties. 101

4.18 Maximum principal stresses in the mid-layer of the vessel around the periphery
of the repeating-unit (i.e. directly above the stent wire). High stresses are 
indicative of a likelihood of tissue damage and intimal hyperplasia. Note that 
the starting point for each stent wire is indicated on Figure 3.9. 103

4.19 Deformed geometry of the cylindrical stented vessels without stenotic plaque, 
axial stretch applied (>^=1.2) and original vessel lumen diameter of 3 mm. 105

4.20 Cylindrical vessel segment, stented with the NIR stent, with and without axial
stretch applied and with an original vessel lumen diameter of 3 mm. 106

4.21 Maximum principal stresses induced within segments of idealised cylindrical
vessels stented with the NIR, S7 and ‘simple’ stents, axial stretch applied 
(>4=1 2) and original vessel lumen diameter of 3 mm. 107

4.22 Minimum principal stresses induced within segments of idealised cylindrical
vessels stented with the NIR, S7 and ‘simple’ stents, axial stretch applied 
( A z = l . 2 )  and original vessel lumen diameter of 3 mm. 108

4.23 Radial retraction during the NIR, S7 and ‘simple’ stenting procedures within
the idealised cylindrical vessels. 109

4.24 The magnitude of the maximum draping within the struts of the NIR, S7 and
‘simple’ stent and the maximum radial retraction of the stents during the 
stenting procedures in the idealised cylindrical vessels. 109

4.25 Deformed geometry of the cylindrical stented vessels with symmetrical
cylindrical stenotic plaque (yellow), axial stretch applied (Az=1.2) and original 
vessel lumen diameter of 2 mm. 110

4.26 Maximum principal stresses induced within segments of idealised cylindrical
stenosed vessels stented with the NIR, S7 and ‘simple’ stents, axial stretch 
applied {Xz,=\.2) and original vessel lumen diameter of 2 mm. I l l

4.27 Minimum principal stresses induced within segments of idealised cylindrical
stenosed vessels stented with the NIR, S7 and ‘simple’ stents, axial stretch 
applied (^^^=1.2) and original vessel lumen diameter of 2 mm. 112

viii



4.28 Radial retraction during the NIR, S7 and ‘simple’ stenting procedures within
the idealised cylindrical stenosed vessels. 113

4.29 Maximum arterial tissue draping within the struts of the NIR, S7 and ‘simple’
stenting procedures in the idealised cylindrical stenosed vessels. 113

4.30 Cylindrical vessel with a localised lesion (yellow) stented with the NIR stent.
114

4.31 Cylindrical vessel with a localised lesion (yellow) stented with the S7 design.
115

4.32 Cylindrical vessel with a localised lesion (yellow) stented with the ‘simple’
stent design. 115

4.33 Maximum principal stresses induced within segments of vessels, with a 
localised lesion, stented with the NIR, S7 and ‘simple’ stents, axial stretch 
applied (Zi=\.2) and original vessel minimum lumen diameter of 2 mm. 116

4.34 Minimum principal stresses induced within segments of vessels, with a 
localised lesion, stented with the NIR, S7 and ‘simple’ stents, axial stretch 
applied (Az=1.2) and original vessel minimum lumen diameter of 2 mm. 117

4.35 Radial retraction during the NIR, S7 and ‘simple’ stenting procedures within
the atherosclerotic vessels with a localised lesion. 118

4.36 Maximum principal stress volumes for the arterial tissue in the atherosclerotic
vessel stented with a NIR, S7 and ‘simple’ stent. 119

4.37 Maximum arterial tissue draping in the atherosclerotic vessel stented with a
NIR, S7 and ‘simple’ stent. 119

4.38 Material colour coding in the in-stent restenosis models. 120
4.39 Deformed geometry of a segment of the idealised cylindrical vessel stented

with the NIR stent ( X£= 1.2). 121
4.40 Deformed geometry of a segment of the idealised cylindrical vessel stented 

with the NIR stent illustrating the thrombotic layer (pink) and all of the 
potential restenotic growth within the lumen of the vessel (white elements).

121
4.41 Deformed geometry of a segment of the idealised cylindrical vessel stented

with the NIR stent with completely deactivated layers of potential restenotic 
tissue removed, 122

4.42 Close-up view of the deformed geometry shown in Figure 4.41 with
completely deactivated layers of restenotic tissue removed. 123

4.43 Section A-A shown in Figure 4.42, the cross-section of maximum restenosis in
the cylindrical vessel stented with the NIR stent. 123

4.44 Deformed geometry of a segment of the idealised cylindrical vessel stented
with the S7 stent ( 1.2). 124

4.45 Deformed geometry of a segment of the idealised cylindrical vessel stented
with the S7 stent illustrating the thrombotic layer (pink) and all of the potential 
restenotic growth within the lumen of the vessel (white elements). 125

4.46 Deformed geometry of a segment of the idealised cylindrical vessel stented
with the S7 stent with completely deactivated layers of potential restenotic 
tissue removed. 125

4.47 Close-up view of the deformed geometry shown in Figure 4.46 with
completely deactivated layers of restenotic tissue removed. 126

4.48 Section A-A shown in Figure 4.47, the cross-section of maximum restenosis in
the cylindrical vessel stented with the S7 stent. 126

4.49 Deformed geometry of a segment of the idealised cylindrical vessel stented
with the ‘simple’ stent ( 1.2). 127

ix



4.50

4.51

4.52

4.53

4.54

4.55

4.56

4.57

4.58

4.59

4.60

4.61

4.62

4.63

4.64

4.65

4.66

4.67

Deformed geometry o f a segment of the idealised cylindrical vessel stented 
with the S7 stent illustrating the thrombotic layer (pink) and all of the potential 
restenotic growth within the lumen o f the vessel (white elements). 128
Deformed geometry o f a segment of the idealised cylindrical vessel stented 
with the ‘simple’ stent with completely deactivated layers of potential 
restenotic tissue removed. 128
Close-up view of the deformed geometry shown in Figure 4.51 with 
completely deactivated layers of restenotic tissue removed. 129
Section A-A shown in Figure 4.52, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the ‘simple’ stent. 129
Sections A-A (shown in Figures 4.43, 4.48 and 4.53). The cross-section of 
maximum restenosis in the cylindrical vessel stented with (a) the NIR stent, 
with restenosis growth completed at 20 days, (b) the S7 stent, with restenosis 
growth completed at 10 days and (c) the ‘simple’ stent, with restenosis growth 
completed at 11 days. 130
Deformed geometry o f a segment of the idealised cylindrical vessel stented 
with the NIR stent with completely deactivated layers o f potential restenotic 
tissue removed. 131
Close-up view of the deformed geometry shown in Figure 4.55 with
completely deactivated layers of restenotic tissue removed. 132
Section B-B shown in Figure 4.56, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the NIR stent, i.e. the end of the stent. 132 
Deformed geometry o f a segment of the idealised cylindrical vessel stented
with the S7 stent with completely deactivated layers of potential restenotic
tissue removed. 133
Close-up view of the deformed geometry shown in Figure 4.58 with
completely deactivated layers of restenotic tissue removed. 133
Section B-B shown in Figure 4.59, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the S7 stent, i.e. the end of the stent. 134 
Deformed geometry of a segment o f the idealised cylindrical vessel stented 
with the ‘simple’ stent with completely deactivated layers of potential 
restenotic tissue removed. 134
Close-up view of the deformed geometry shown in Figure 4.61 with
completely deactivated layers of restenotic tissue removed. 135
Section B-B shown in Figure 4.62, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the ‘simple’ stent, i.e. the end of the stent, 
(a) with end stent strut, (b) without end stent strut. 135
Sections B-B (shown in Figures 4.57, 4.60 and 4.63). The cross-section of 
maximum restenosis in the cylindrical vessel stented with (a) the NIR stent, 
with restenosis growth completed at 13 days, (b) the S7 stent, with restenosis 
growth completed at 12 days and (c) the ‘simple’ stent, with restenosis growth 
completed at 32 days. 136
Deformed geometry of a segment of the idealised cylindrical vessel stented 
with the NIR stent with completely deactivated layers o f potential restenotic 
tissue removed. 137
Close-up view of the deformed geometry shown in Figure 4.65 with
completely deactivated layers of restenotic tissue removed. 138
Section C-C shown in Figure 4.66, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the NIR stent, i.e. the middle o f the stent.

138

X



4.68

4.69

4.70

4.71

4.72

4.73

4.74

4.75

5.1

5.2 

6.1

Deformed geometry o f a segment of the idealised cylindrical vessel stented
with the S7 stent with completely deactivated layers of potential restenotic
tissue removed. 139
Close-up view o f the deformed geometry shown in Figure 4.68 with
completely deactivated layers o f restenotic tissue removed. 139
Section C-C shown in Figure 4.69, the cross-section o f maximum restenosis in 
the cylindrical vessel stented with the S7 stent, i.e. the end of the stent. 140 
Deformed geometry o f a segment of the idealised cylindrical vessel stented 
with the simple stent with completely deactivated layers o f potential restenotic 
tissue removed. 140
Close-up view o f the deformed geometry shown in Figure 4.71 with
completely deactivated layers o f restenotic tissue removed. 141
Section C-C shown in Figure 4.72, the cross-section of maximum restenosis in 
the cylindrical vessel stented with the ‘simple’ stent, i.e. the mid strut-strut 
intersections of the stent. 141
Sections C-C (shown in Figures 4.67, 4.70 and 4.73). The cross-section of 
maximum restenosis in the cylindrical vessel stented with (a) the NIR stent, 
with restenosis growth completed at 19 days, (b) the S7 stent, with restenosis 
growth completed at 12 days and (c) the ‘simple’ stent, with restenosis growth 
completed at 24 days. 142
Final volume of restenotic tissue growth within each of the stented vessels for 
the three different damage stimuli. 143
A comparison o f clinical binary restenosis data and the predicted maximum 
prolapse o f the vascular tissue within the repeating unit of the four stents 
analysed. 152
The Medtronic S7 modular stent [Website 4]. The red circles illustrate the 
position o f the welds on the front half of the stent. 158
Restenosis growth pattern and time frame when cell generation is proportional 
to cell concentration present. 166

xi



LIST OF TABLES

2.1 Vascular Injury Scoring Scheme [Schwartz and Holmes, 1994], 18
3.1 Neointimal growth following stenting. SS=Stainless steel; Au=Gold

[Hoflfrnann et al., 2002], 77
3.2 Mesh densities of the stent and restenotic tissue in the in-stent restenosis

simulations. 80
4.1 Hyperelastic constants to describe the human femoral arterial tissue, the

porcine coronary arterial tissue and stenotic plaque non-linear elastic 
behaviour. The parameters describe a Mooney-Rivlin model of the form given 
inEqn. 3.3. 91

4.2 Maximum prolapse per unit area of the repeating unit, and per length of the
periphery of the repeating unit. 102

5.1 Maximum tissue prolapse in 3D models of stented vessels. 153
5.2 Maximum tissue prolapse in ‘one repeating unit’ finite element models. 154
5.3 Final vessel diameters, degree of vessel stenosis and restenotic tissue volume

in the stented vessels of the restenosis models. These measures illustrate the 
higher propensity of the NIR and ‘simple’ stents, compared with the S7 stent, 
to cause in-stent restenosis. Stent design and stent vessel converge is clearly a 
major factor in restenosis. This is particularly evident in the focal nature of 
restenosis around the stent struts for stimulus (iii) where although the 
restenosis volume is lower for the ‘simple’ stent design compared with the 
NIR stent, the localised formation of restenosis around the struts resuhs in a 
lower minimum vessel diameter than the NIR stent. 157

xii



NOMENCLATURE

Roman Letters

Cij Components of the right Cauchy-Green deformation tensor

i )  Rate of damage accumulation

E  Young’s modulus

^ij Components of the Green-Lagrangian strain tensor

HD Film coefficient (W/mm^ K)

I\, I2, h  Stretch invariants

K{D) Apoptosis/death rate of cells as a function of damage

Nf The number o f cycles to failure from fatigue tests

P{D) Proliferation rate as a function of damage

Sij Components of the second Piola-Kirchoff stress tensor

T Temperature (°C)

W Strain energy

c Constant relating damage to proliferation rate

s Stiffness

/ Time (s)

q Heat Flux (W/mm^)

Greek Letters

£ strain

Green-St. Venant circumferential strains 

Green-St. Venant longitudinal strains 

K Diflfijsion coefficient o f cells in arterial tissue (mm^/day)

^2, ^3 Principal stretches

<j stress

Laplace operator



Abstract
Finite element models, which can determine the degree of vascular injury caused to a 

vessel by a stent and hence ascertain the propensity of that stent design to cause in

stent restenosis, would be a valuable tool for both medical device companies and 

interventional cardiologists. The basis of this thesis is to establish a preclinical testing 

methodology for stents, which can determine the degree of mechanical injury caused 

to a vessel by a particular stent design. The testing technique will enable stents to be 

designed to prevent or minimise vascular injury and hence restenosis. To achieve this 

goal, uniaxial and equibiaxial tensile tests on cardiovascular tissue were carried out to 

develop suitable Mooney-Rivlin constitutive models for arterial tissue. Three- 

dimensional models o f different stent designs were generated and placed in their 

expanded states within models of coronary arteries. The established Mooney-Rivlin 

models were used to represent the materials of the artery. The mechanical loading 

induced within the stented vessels by the different stent designs was calculated to 

determine the stent design least likely to cause excessive vascular injury and hence in

stent restenosis.

Fatigue tests were carried out on coronary arterial tissue to determine a measure 

of damage accumulation within stented vessels at the elevated stresses imposed by 

stents on coronary arteries. The measured rate o f damage accumulation within the 

tissue was used as a stimulus for in-stent restenosis in a computational model of the 

vascular healing process. The model was based on the predominant mechanism of the 

in-stent restenosis, SMC migration and proliferation. The propensity of the different 

stent designs to cause in-stent restenosis was determined from the computational 

model o f the restenosis mechanism.

The in-stent restenosis model successfially predicted the stent design that is least 

likely to cause occlusive in-stent restenosis, by comparison to clinical restenosis data. 

It therefore supports the use of this method to analyse new stent designs. This method 

could ultimately be used as a preclinical test to determine the optimum bare-metal or 

drug-eluting stent design to prevent in-stent restenosis.
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1.1 Preclinical testing of stents

The ageing population, and an increased demand for healthcare, has made the medical 

device industry one of the largest and fastest expanding industries worldwide. More 

and more patients are benefiting from the use of irmovative medical devices that have 

now become indispensable in the fight against disease and injury. Cardiovascular 

disease currently kills more Irish men and women of all ages than any other disease 

[Central Statistics Office Ireland, 2004]. About half of all deaths from cardiovascular 

disease are specifically from coronary heart disease [European Cardiovascular 

Disease Statistics, 2000], In fact, by 2020, the World Health Organization estimates 

that nearly 25 million cardiovascular disease deaths will occur worldwide annually 

[Chockalingam and Balaguer-Vintro, 1999]. Balloon catheters and cardiovascular 

stents have been developed to treat cardiovascular disease and can significantly 

improve quality o f life for a person with coronary heart disease. As a result of the 

prevalence of coronary cardiovascular disease, there are an estimated one million 

coronary stents implanted annually [Bioscorpio, 2004]. In the Republic of Ireland 

(population: 4 million), over 3,000 coronary stents were implanted in 2002 [Central 

Statistics Office Ireland, 2004; Hospital In-Patient Enquiry (HIPE) system and the 

National Perinatal Reporting System (NPRS) Unit, 2004].

Stent technology is not limited to use for treatment of coronary cardiovascular 

disease. Large artery stenting procedures are also performed to restore blood flow in 

stenosed carotid arteries whilst balloon-expandable, bifurcated stent grafts are used 

for endovascular aortic aneurysm repair. Small stents are implanted in cases of 

obstruction o f the bile duct and for cerebral artery stenoses. Urethral stents have also 

been developed to facilitate bladder emptying in patients with spinal cord injury. All 

o f these stents aim to achieve one objective; to restore patency to a fluid carrying 

vessel. However each stent type has different design considerations based on the size, 

ftinction, and material properties o f the host vessel, as well as the fluid being 

transported.

As a result of the prevalence o f coronary cardiovascular disease, coronary 

stents are the most frequently used of all of these different stent types. Only 88 non

coronary stents were inserted in Ireland in 2002 [Hospital In-Patient Enquiry (HIPE) 

system and the National Perinatal Reporting System (NPRS) Unit, 2004]. Issues with
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respect to the design o f coronary stents include: (i) sufficient rigidity to resist the 

compressive forces from the vessel wall, (ii) sufficient flexibility to navigate tortuous 

vessels, (iii) scaffolding properties: stents must be able to hold open the vessel and 

scaffold the stenotic material (plaque) against the vessel wall, (iv) minimal 

longitudinal contraction when expanded, (v) minimal shearing between the stent and 

tissue during expansion because this denudes the vessel of its endothelial cell lining 

and finally but most importantly, (vi) minimal activation of the restenosis mechanism 

[Prendergast et al., 2003]. Restenosis occurs when the blockage reforms around the 

stent; restenosis is the major obstacle to the long-term success of the procedure. In 

general, the propensity o f a particular stent design to cause in-stent restenosis is 

determined from the results of time consuming and expensive animal and/or human 

clinical trials. Furthermore, there are issues associated with the use of animals in 

studies o f in-stent restenosis since animals are not aged and the mechanism of 

atherosclerosis and/or in-stent restenosis in animals may not be the same as that in 

humans [Prendergast and Maher, 2001]. In many cases, therefore, the results from 

retrospective human clinical studies are the only available information on the success 

o f a stent, and these results cannot be used to directly relate restenosis to particular 

aspects o f stent design. One might say that the improvement o f a stent’s performance 

is more by trial-and-error than strategic device design.

Finite element analysis is a computational analysis tool that has been 

identified as an effective technique to preclinically test medical devices [Prendergast 

and Maher, 2001]. It can estimate the stresses and strains in very complex material 

and geometric models under a variety of loading patterns. It also has the advantage 

that it can incorporate simulations of tissue adaptations in response to the medical 

device. Therefore, in principle at least, the finite element method can be used to 

simulate the long-term performance of a medical device.

To-date the finite element method has been used extensively to analyse and 

optimise design characteristics of stents; namely to asses the longitudinal retraction 

(also called foreshortening) of stents, or to improve the expansion of a stent for 

different material choices and different stent geometries [Etave et al., 2001; Tan et al., 

2001; Migliavacca et al., 2002; Chua et al., 2002; Chua et al., 2003]. Numerous 

computational studies have also been carried out to investigate the structural and 

fatigue properties of stents for both balloon expanding stent designs [Dumoulin and 

Cochelin, 2000] and nitinol self-expanding stents [Whitcher, 1997]. However, there
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are very few analyses which have investigated the interaction between the stent and 

the artery, even though mechanical vascular injury has been identified as the stimulus 

for restenosis of vessels [Schwartz and Holmes, 1994; Arakawa et a i, 1998], In fact, 

no preclinical testing of stent designs using the finite element method have yet been 

published to determine the propensity of different stents to cause vascular injury and 

in-stent restenosis. Such tests would enable stents to be designed to reduce the risk of 

in-stent restenosis.

1.2 Atherosclerosis, stenting and restenosis

Atherosclerosis is an inflammatory disease of large and medium sized elastic and 

muscular arteries. It causes stenosis, or blockage, of the arterj' from the build-up of 

plaque within the vessel, see Figure 1.1 [Ross, 1999], Risk factors include high blood 

cholesterol, high blood pressure, diabetes, male gender, obesity, smoking, physical 

inactivity, and an unhealthy diet [European Cardiovascular Disease Statistics, 2000]. 

Atherosclerosis occurring in the coronary artery is referred to as coronary heart 

disease and causes ischaemia of the heart. When left untreated it ultimately results in 

acute myocardial infarction.

Percutaneous transluminal coronary angioplasty (PTCA) is a non-surgical 

technique which was introduced in 1977 to restore blood flow within a stenosed 

coronary artery [Gruentzig et a i, 1979], PTCA involves passing a radiographically 

guided catheter with a small balloon, over a guide wire, usually through the femoral 

artery into the narrowed section of the coronary artery. The balloon is then inflated to 

a high pressure for a short time within the vessel at the site of the stenosis. As a result, 

longitudinal and circumferential splits in the plaque are produced and the plaque is 

compressed against the artery wall [Meads et al., 2000], see Figure 1.2. The technique 

has revolutionised the treatment of cardiovascular disease. Immediate patency is 

usually achieved, although restenosis or reformation of the occlusion occurs in 30- 

50% of patients [Nobuyoshi, 1991].

Because of elastic recoil of the vessel in PTCA, intravascular stents were 

developed in order to maintain vessel patency after balloon angioplasty. A balloon 

expandable stent is initially mounted in a crimped state over a balloon catheter and 

navigated to the site of arterial occlusion by means of a guide wire. Radiopaque
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Figure 1.1 Schematic o f  the human heart illustrating the locations o f  the 

left and right coronary arteries and coronary artery atherosclerosis 

f  Website 1].

markers at the ends o f the angioplasty balloon enable accurate positioning of the stent 

at the site o f the stenosis. The intravascular stenting deployment procedure first uses 

PTCA to plastically deform the stent at the site of the vessel stenosis, see Figure 1.2. 

The stent subsequently behaves as a scaffold for the artery wall and the compressed 

atherosclerotic plaque within the vessel, as shown in Figure 1.2(b).

Shape memory alloys such as nitinol may be used to make a stent; in that case 

the stent may be “self-expanding” and does not require balloon angioplasty to deploy 

it [Duerig et al., 1999]. As the name suggests, shape memory alloys have the ability to 

recover their original shape. The superelastic material o f a self-expanding stent can be 

shape-set to the expanded configuration, compressed into a catheter at room 

temperature and then pushed out of the catheter at the site of the stenosis. On removal 

from the catheter sheath the blood warms the device and it deploys automatically by 

recovering its original expanded shape. An advantage o f the superelastic hysteresis of 

a nitinol stent is that it applies only a very light outward force against a vessel wall, 

but at the same time is highly resistant to crushing. There are also shape memory alloy 

stents that are not self-expanding and are deployed using a balloon catheter. The 

shape memory metal remains in its martensitic phase at all times and although the 

strength of the stent may be lower than conventional stainless steel stents, it has the 

advantage of superior MR compatibility and more uniform stresses and strains 

[Duerig et al., 1999],
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Figure 1.2 A diseased coronary artery (a) before intervention, with stenotic 

atherosclerotic plaque and (b) with a deployed stent using balloon 

angioplasty [Website 2].

Stents have improved the short-term outcome of PTC A alone, often called 

Plain Old Balloon Angioplasty (POBA). However, even with a stent, restenosis still 

remains a major limitation to the late outcome of the procedure, occurring in 20-50% 

of stented vessels [Grewe et al., 2000], Like restenosis post-POBA, in-stent restenosis 

results in renarrowing o f the vessel lumen; however, it is a more chronic disease than 

restenosis from balloon angioplasty alone. The chronic nature o f the disease is most 

likely due to the fact that the stent remains in the artery after deployment and may 

therefore act as a continuous source of vascular injury. As DeScheerder et al. [1999] 

state “Although the mechanisms underlying in-stent restenosis are not well 

understood, injury caused to the vessel during balloon angioplasty and subsequent 

stent implantation, and a foreign body reaction induced by the implant are considered 

to be the major contributing factors for in-stent restenosis”.

In order to determine measures that can be taken to prevent or treat in-stent 

restenosis, it is necessary to have a detailed knowledge o f the disease mechanism. 

Although, considerable research has been carried out to ascertain the cause o f in-stent 

restenosis no complete solution to the problem has yet been found. The predominant 

mechanism of in-stent restenosis has been identified as neointimal proliferation, 

which is part of the vascular healing response to stent induced injury [Schwartz et al., 

1992; Edelman and Rogers, 1998].

6



In recent years, drug-eluting stents have emerged as an alternative to bare 

metal stents and are coated in an anti-proliferative drug (e.g. Sirolimus, Paclitaxel) to 

prevent in-stent restenosis. These stents have shown much promise since they can 

retard the predominant mechanism of in-stent restenosis -  i.e. intimal cell 

proliferation. However, it is still generally accepted that the optimal approach to 

coronary revascularization lies in fiirther developments in both the biomechanical and 

pharmacological aspects of stents, which can be related to stent design and drug- 

elution, respectively [Lepor et al, 2002; Palmaz, 2004]. The biomechanical aspects of 

stents alone may hold the answers to restenosis prevention since clinical studies have 

reported very different in-stent restenosis rates for different bare-metal stent designs 

[Colombo et al, 2002; McClean and Eigler, 2003].

1.2.1 Stimulus fo r  restenos is

Abnormal values and variations of haemodynamic shear stresses have been 

identified as a likely stimulus for the formation of intimal hyperplasia at arterial 

bypass junctions and atherosclerosis within the vascular tree [Bassiouny et a l,  1992; 

Keynton et a l,  2001]. Consequently, alterations in vessel wall shear stress after stent 

implantation have also been postulated as a possible stimulus for in-stent restenosis 

[Wentzel et a l,  2000]. However, animal and human stenting trials have consistently 

identified a relationship between vascular injury and in-stent restenosis [Schwartz and 

Holmes, 1994; Arakawa et a l,  1998]. Studies have also identified a link between in

stent restenosis, as a result of vascular injury, and stent design [Rogers and Edelman, 

1995; Kastrati et a l,  2000]. A relationship between vascular injury and the 

mechanical forces applied to the vessel by the stent can also be inferred because 

injury has been found to be a function of the aggressiveness of the stent deployment 

procedure [Hoffman et a l,  1999]. It therefore seems clear from these studies that 

vascular injury, or damage to the vessel wall, stimulates the restenosis mechanism. It 

is likely that haemodynamic shear stresses contribute to this damage, however, for 

this study only the damage due to stresses within the artery wall induced by the 

expanded stent will be considered, as they appear to be the dominant stimulus for in

stent restenosis.

The pattern of in-stent restenosis observed at the site of a stent also illustrates 

this relationship between injury and intimal cell proliferation. This is evident if both
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the stenting deployment procedure and the response of the vessel to stenting are 

analysed. The stenting procedure begins with predilation o f the stenosed vessel using 

balloon angioplasty and fractures may occur in the atherosclerotic plaque during this 

process, see Figure 1.3(a) and (b). The stent scaffolds open the vessel; however tissue 

prolapses between the stent struts, as shown in Figure 1.3(c). The first stage in the 

development o f in-stent restenosis is an inflammatory response to the stent. It is 

initially focal in nature forming predominantly around the stent struts, as 

demonstrated schematically in Figure 1.3(d). As the restenosis process progresses 

neo-intimal hyperplasia, predominantly composed o f smooth muscle cells, appears 

more concentric. However, the neointima is thicker where injury is more severe, i.e. at 

the stent struts, see Figure 1.3(e).

This characteristic pattern of in-stent restenosis has led to the hypothesis that 

damage may be induced within the artery wall by the stent as it scaffolds open the 

artery. It is conjectured that this damage, which is highly dependant on stent design, 

may be the stimulus for the vascular healing response within the vessel that ultimately 

results in excessive neointimal growth and consequently in-stent restenosis. The high 

mechanical stresses induced within a stented vessel, which would be far beyond the 

stresses experienced by a vessel under physiological conditions, superimposed on the 

cyclic loading of the vessel by the pulsing blood flow may cause localised damage 

formation to which the vessel responds by intimal proliferation.

TIME 0 0
Angioplasty Stenting

DAYS MONTHS

(a) stenosis (b) POBA (c) stenting (d) Inflammation (e) restenosis

Figure 1.3 Stent deployment after angioplasty enlarges the lumen by 

stretching the artery. Within hours to days after stenting, caps o f thrombus 

infiltrated with inflammatory cells (dark grey) form over stent struts (black 

rectangles), particularly abundant at sites o f deep injury. Over ensuing 

weeks, a neointima forms (speckled area), thicker where injury is more 

severe [adaptedfrom Edelman and Rogers, 1996].



1.3 Objectives of the thesis

In this thesis, the author will attempt to demonstrate that intravascular stents can be 

designed to prevent in-stent restenosis. This argument will be based on finite element 

simulations o f restenosis within vessels stented with different stent designs. To have 

finite element models of in-stent restenosis whose results can be relied upon, it is 

necessary to;

(1) establish a suitable constitutive model for coronary arterial tissue,

(2) establish a finite element modelling approach whereby the level of vascular 

tissue loading and the damage caused during a stenting procedure by different 

stent designs can be ascertained,

(3) devise an algorithm to simulate in-stent restenosis, and apply it to stent 

designs known to have different restenosis rates.

If the simulations succeed in predicting the stent design which has the lowest 

propensity to cause in-stent restenosis, then the proposed methodology could be used 

to improve new stent designs.

In the future a restenosis model like this could be adapted for use with drug- 

eluting stents and patient-specific geometries to predict the clinical outcome of 

different stent designs. The complexity of the restenosis algorithm could be increased 

as animal and clinical studies offer further information on the restenosis mechanism 

and the response o f the vascular wall to anti-proliferative drugs. It is necessary, 

however, to initially develop an algorithm which can successfully predict restenosis 

for different stents; later the technical challenges of using the algorithm for patient- 

specific geometries can be met.
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2.1 Introduction

This chapter begins with a detailed description of stenting and the mechanism of in

stent restenosis. In order to test the hypothesis that stents can be designed to reduce 

the risk of restenosis, it is necessary to simulate the outcome of different stenting 

procedures using a suitable design tool, such as the finite element method (FEM). To 

this end, it is important to understand the pathophysiology of the in-stent restenosis 

mechanism and the stimulus for the disease. Stresses in the vessel wall of the stented 

vessels can be estimated using FEM. However, the accuracy is highly dependant on 

the material model used to define the arterial tissue properties. It is therefore 

necessary to establish an appropriate material model for the coronary artery. The 

composition and biomechanical properties of arterial tissue are therefore discussed. 

Previous testing methods that have been used to determine the mechanical properties 

of arterial tissue are reviewed and constitutive models for arterial tissue are also 

presented. This chapter concludes with a review of studies that have been carried out 

to-date to simulate the intravascular stenting procedure using the finite element 

method.

2.2 Intravascular stenting and in-stent restenosis

As described in Chapter 1, percutaneous transluminal coronary angioplasty (PTCA) 

was introduced in 1977 to restore blood flow within stenosed coronary arteries 

[Gottsauner-Wolf et al,  1996]. It involves expanding a balloon within the artery to 

compress the atherosclerotic plaque and permanently deform the stenosis. The lumen 

of the blood vessel is enlarged by the procedure and the blood flow restored within the 

vessel. However, elastic recoil of the vessel is noted clinically after deflation and 

removal of the balloon from the artery. In fact, there may be a substantial loss (up to 

50%) of the arterial cross-sectional area from elastic recoil [Gottsauner-Wolf et al,  

1996]. The degree of elastic recoil is dependant on such factors as the lesion 

eccentricity and the amount of plaque within the vessel. When an artery with an 

eccentric lesion is dilated using a balloon, the non-diseased segment of the artery may 

expand under the pressure rather than the stiffer atherosclerotic plaque. Elastic recoil 

of the healthy artery occurs after expansion and the lesion may remain undeformed.
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Therefore, the problem with expansion using the balloon alone is that the artery lumen 

diameter may not be permanently increased.

Stents were developed mainly to overcome this problem of elastic recoil. 

Stents have a significantly better long-term outcome than balloon angioplasty alone 

requiring fewer target lesion revascularization (TLR) procedures to be performed 

[Kiemeneij et a i, 2001]. This may be attributed to the fact that the increase in lumen 

diameter after stenting is much greater than after balloon angioplasty. However, 

coronary stenting causes greater levels of injury to the vessel and therefore causes 

relatively more intimal thickening than balloon angioplasty [Yutani et a l ,  1999],

The probability of the development of occlusive in-stent restenosis in the 

coronary artery has been found to depend on the stent design as well as on the method 

of deployment o f the stent [Edelman and Rogers, 1998; Arakawa et al., 1998, 

Hoffmann et al., 2004]. It is therefore highly dependent on mechanical factors. 

Although in-stent restenosis involves growth within the lumen of the stented artery 

and therefore causes further stenosis to the vessel in much the same way as stenotic 

atherosclerosis, it is a different process to atherosclerosis.

the pathophysiology o f  restenosis is a separate process from  

atherosclerosis. It follows an entirely different time course, has different 

histopathology, and comes from  mechanical rather than biochemical injury in 

the arterial wall. ” ~ [Schwartz and Holmes, 1994]

2.2.1 The biomechanical mechanism o f  in-stent restenosis

It is known that restenosis following balloon angioplasty is due to the formation of 

smooth muscle cell (SMC) rich intimal hyperplasia and vessel remodelling. However, 

the vascular response to balloon angioplasty with a stent takes a slightly different 

form.

‘’’’The more symmetric shape o f  the lumen imposed by the stent, as well 

localised disruptions o f  the vessel wall by the stent struts, compounded by the 

effects o f  an indwelling device, all lead to chronic, prolonged damage rather 

than only acute, time-limited injury." ~ [Edelman and Rogers, 1998]
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The mechanism of in-stent restenosis is believed to be primarily the response 

of the vessel to vascular injury caused by the stent. Four different phases have been 

identified in the process of vascular repair after stent-induced injury [Edelman and 

Rogers, 1998],

(i) The first phase in the vascular response to stent-induced injury is a thrombotic 

response, whereby mural thrombus deposition occurs where the stent struts 

penetrate the vessel wall. The greater the extent of the injury caused to the 

vessel by the stent, the greater the resultant thrombotic response (Figure 2.1a).

(ii) The second phase involves an inflammatory reaction and takes place at the 

thrombotic sites (Figure 2.1b). Initially, surface adherent monocytes (SAM) 

are recruited, from the circulation and the adventitial vasa vasorum, to the 

injury site. These cells later migrate into the neointima as tissue infiltrating 

monocytes (TIM).

(iii) The third phase, tissue proliferation, coincides with the migration of these 

inflammatory cells to the neointima (Figure 2.1c). Both SMCs and the TIMs 

proliferate to develop intimal hyperplasia. It has been found that a linear

Throm bus deposition

Infiammation

Proliferation

Rem odeling

7  14
Days after sten ting

Figure 2.1 The four phases o f vascular repair after stent-induced arterial 

injury. SAM are surface adherent monocytes and TIM are tissue 

infiltrating monocytes [Edelman and Rogers, 1998],
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relationship exists between the number of inflammatory monocytes per artery 

and the extent o f arterial intimal growth, as shown in Figure 2.2 (American 

Heart Association, 1996; cited in [Edelman and Rogers, 1998]). SMCs and 

extracellular matrix are the principal constituents of the stenotic material in 

stented vessels, which have partial or complete in-stent restenosis [Hoffman 

and Mintz, 2000].

(iv) The fourth and final phase in the vascular response to stent induced injury is 

remodelling o f the vessel wall (Figure 2 .Id). Remodelling is defined by 

changes in vessel size. After stenting the artery may shrink due to collagen 

deposition and fibrosis within the arterial wall. Although the stent limits 

elastic recoil of the vessel wall, it may not limit remodelling, since the arterial 

wall may squeeze through (or prolapse between) the stent struts [Edelman and 

Rogers, 1998; Ponde et a l,  1997]. In addition, arterial remodelling can 

potentially cause late stent radial recoil, which depends on the rigidity o f the 

stent and the degree of increased collagen deposition within the artery 

[DeScheerder e? a/., 1999].

The formation of a stenosis is a combination of tissue prolapse and 

superimposed neointimal tissue accumulation, see Figure 2.3 [Hoffman et al., 1996]. 

Clearly, the highest contributing factor is the intimal hyperplasia formation within the 

lumen o f the vessel post stenting.

1.5

=  O.S

15 30 45
Monocytes/Artery

Figure 2.2 Relationship between the number o f  monocytes in the vessel and 

intimal cell proliferation cross sectional area [Edelman and Rogers, 1998].
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In-stent restenosis

SMCs + ntairix

Figure 2.3 i) Human stented coronary artery after 4 months, ii)-iv) 

Balloon expanded stents in Pig coronary artery at 2 weeks, v) at 4 weeks 

[Virmani, 2002].

Intimal hyperplasia has been identified as the major mechanism of late lumen 

loss after stent implantation and hence the dominant mechanism of in-stent restenosis 

[Arakawa et al., 1998; Schwartz et al., 1994], There is a strong correlation between 

late luminal loss in human stented arteries and the development o f in-stent restenosis 

by the formation of intimal hyperplasia, see Figure 2.4.

_ i

•4 0 4 8 12 16
Neointimal hyperplasia (mm^)

Figure 2.4 Late lumen loss correlates very strongly with neointimal 

hyperplasia in human stented arteries [Hoffman et al., 1996].
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Although the vascular response to stent-induced injury can be observed in 

human and animal studies, the exact stimulus for this response has not yet been 

conclusively identified and therefore a stent design which limits the restenotic process 

has not yet been developed.

By looking in more detail at the main mechanisms of in-stent restenosis, the 

likely stimulus for restenosis can be hypothesised. Using biomechanical testing 

methods, it may then be possible to confirm or refute these hypotheses.

2.2.2 Thrombosis after stent implantation

Endothelial denudation after stent implantation exposes the thrombogenic constituents 

of the vascular subendothelium, promoting blood platelet adhesion, activation, 

aggregation and ultimately thrombus formation. The deep vascular injury imposed on 

the vessel by the implanted stent causes thick, platelet-rich mural thrombi to form at 

the stent struts [Orford et al., 2000].

Currently available endovascular stents are extremely thrombogenic, and the 

prevention of thrombosis necessitates anticoagulation regimes [Yutani et al, 1999], 

Although thrombosis primarily affects the short-term outcome of stenting, it has also 

been hypothesised that extensive early thrombus, generated within days of stenting, 

may serve as a scaffold for subsequent intimal proliferation and neointimal 

hyperplasia [Edelman and Rogers, 1996; Orford et al, 2000]. Activated and 

aggregating platelets produce a number of vascular SMC mitogens, which stimulate 

the synthesis of extracellular matrix as well as the migration and proliferation of 

SMCs [Orford et al, 2000].

A study carried out by Rogers and Edelman [1995] investigated the thrombotic 

influence of two different stent materials and the effect that the thrombosis had on the 

formation of in-stent restenosis. The material of the stents was either stainless steel or 

stainless steel with a 3 |im anti-thrombotic polymer coating. Identical stent geometries 

were used and were implanted in the iliac arteries of New-Zealand white rabbits. The 

study found that considerably less acute thrombosis occurred in the polymer-coated 

stents. However, the stent coating did not influence the degree of chronic occlusive 

neointimal hyperplasia. The results from the study clearly demonstrated that the level 

of thrombosis is influenced by changes in the stent material in contact with the arterial 

wall. However, a correlation cannot necessarily be made between the thrombotic
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response to the stent material and intimal hyperplasia, the predominant mechanism of 

in-stent restenosis.

Regarding the influence of stent geometry, Rogers and Edelman [1995], 

demonstrated that the thrombotic response of stented vessels to different stent 

geometrical configurations does vary, even when they are manufactured from the 

same material. They found that the level of thrombosis was dependent on the degree 

of vascular injury caused by the stent to the vessel and that increased thrombosis did 

correlate with increased intimal hyperplasia [Rogers and Edelman, 1995].

It may be necessary, therefore, to differentiate between the thrombotic 

response due to the presence of a foreign material and that which is as a result of 

vascular injury. Based on the observations by Rogers and Edelman [1995] it is 

proposed that the presence of a foreign material might not activate mitogens whereas 

vascular injury does. Mitogens play a key role in the proliferation of the SMCs. 

However, the response to a foreign material, although also apparently thrombotic, 

may not activate mitogens but rather may induce an inflammatory response. This 

inflammatory response may not affect the function of the SMCs.

2.2.3 Intimal proliferation

Neointimal growth after stenting consists of SMC proliferation in the intima and 

extracellular matrix, which supports the increased numbers of SMCs at the site of 

vascular injury [Gottsauner-Wolf et al, 1996; Virmani, 2002]. At first, SMCs are 

activated in association with mural thrombi and growth factors. Then SMCs migrate 

from the media to the intima, where the cells change phenotype; they change from 

contractile to synthetic SMCs.

In the contractile phenotype, SMCs contain large quantities of fibrils and are 

incapable of responding to mitogens. Mitogens are the substances that stimulate 

mitosis (cell division). However, given sufficient stimulus the SMC looses its fibrous 

nature and changes phenotype to form a synthetic SMC, i.e. the cells differentiate. In 

this state the cell is capable of producing its own platelet derived growth factor and 

other mitogens and will respond to a large number of growth factors. The synthetic 

SMC plays a key role in restenosis via migration and intimal proliferation [Yutani et 
al, 1999; Orford et al, 2000]. Both clinical and animal studies have suggested that 

the deformation of the vessel wall is a principal determinant of the extent of intimal
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proliferation as a response to arterial injury. To quote Yutani et a l,  1999, ’’‘'Substantial 

expansion and over expansion o f  the arterial lumen by a stent comes at the expense o f  

a potent stimulus fo r  SMC proliferation and neointimal hyperplasia”.

The cellular events in response to vascular injury by a stent that lead to 

restenosis are summarised in Figure 2.5 below.

Thrombotic response

Stenting procedure

SMCs change phenotype; 
from contractile to synthetic

The synthetic SMCs produce 
platelet derived growth factors

SMCs proliferate and 
produce extracellular matrix

In-stent restenosis

Inflammatory reaction 
Surface adherent monocytes (SAMs) are recruited

Activation of smooth muscle cells (SMCs) 
Migration of SMCs 

Migration of SAMs from the media to the intima 
as tissue infiltrating monocytes (TIMs)

Figure 2.5 Summary o f  cellular events post-stenting that lead to restenosis 

o f  a stented vessel.
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A grading scheme, or an injury score, whereby deeper injury is assigned a 

progressively higher score, has been developed to describe the degree o f injury to a 

vessel by a stent [Schwartz et a l, 1994]. This scheme is summarised in Table 2.1 

below. Using this scheme, the disruption caused by stent struts o f purposefully over 

expanded stents to the arterial wall was determined in a porcine model. The study 

found the degree of vascular injury to correlate with neointimal hyperplasia, see 

Figure 2.6a and Figure 2.6b [Schwartz and Holmes, 1994],

The ‘injury score’ system was also used to determine the relationship between 

stent induced vascular injury in rabbit iliac arteries [Rogers and Edelman, 1995]. Two 

different stent designs were deployed within the arteries and the observed injury score 

was found to correlate with neointimal hyperplasia. Greater injury and neointimal 

thickening was found to occur in the stent design with the higher number of strut-strut 

intersections. A close linear relationship was found between monocyte adhesion and 

both vascular injury and neointimal hyperplasia. The findings from the study support 

the hypothesis that neointimal formation is provoked by mechanical vascular 

disruption, to which monocytes respond, rather than by an inflammatory response to 

the stent material.

Score Degree of vascular injury

0 The stent causes endothelial denudation and medial compression but 

no disruption o f the internal elastic lamina

1 Disruption of the internal elastic lamina

2 Laceration o f the tunica media

3 Disruption of the external elastic lamina

Table 2.1 Vascular Injury Scoring Scheme [Schwartz and Holmes, 1994].
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Figure 2.6 (a) Photomicrograph o f  a pig coronary artery injured by an 

oversized stent, 28 days after injury, (b) Different wires have created 

different depths o f  injury. The depths o f  injury are assigned an injury 

score. The extent o f  neointimal hyperplasia is seen to correlate with the 

depth o f  injury [Schwartz and Holmes, 1994].

It is therefore hypothesised that the increased intimal hyperplasia in stented 

vessels relative to vessels that have undergone angioplasty alone may not be due to 

the presence o f a foreign material but rather that leaving the stent behind in the artery 

may cause a more severe vascular injury. This injury may provide a chronic stimulus 

for smooth muscle cell proliferation and neointimal hyperplasia. However, it should 

be noted that the response to stent induced vascular injury is a self-limiting process, 

which ceases once the site of injury has been re-endothelialised. This re- 

endothelialisation process occurs within 21-56 days in animal models, but has been 

found to take at least 3 months in humans. In fact, the time course of in-stent 

restenosis after coronary intervention in humans ranges from 3-18 months after stent 

implantation, with peak angiographic restenosis typically detected between the first 

and third month after the procedure [Orford et al., 2000]. The greatest proliferative 

activity occurs in the first 7 days after stenting, see Figure 2.1 [Edelman and Rogers, 

1998].

In summary, the predominant mechanism of in-stent restenosis is lumen loss 

from SMC proliferation occurring as a healing response to vascular injury. In order to 

minimise restenosis, therefore, the optimum stent design should be sufficiently rigid 

to prevent lumen loss from remodelling whilst minimising injury to the vessel.
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2.3 Arterial adaptation

Proliferation of the intima has been found to occur in arterial bifurcations and graft- 

artery bypass junctions to restore abnormal haemodynamic wall shear stresses to 

baseline levels [Glagov et a l ,  1995], Arterial thickening has also been identified in 

arteries in response to hypertension [Fung, 1993]. Arterial adaptive modelling 

processes may also cause intimal thickening after stent implantation in order to restore 

normal tensile or compressive stress or strain induced in the vessel wall from the stent 

implantation. Therefore, in-stent restenosis may be a growth mechanism that is a 

response to stress induced vascular injury in the vessel wall. A study, by Fu et al. 

[1997], demonstrates the ability o f canine saphenous arteries to adapt to a constant 

long-term applied strain on the vessel. Silicone balloon expanders were inflated in the 

saphenous arteries under different pressures and they were left for different durations 

within the vessel. Short-term pressure inflation altered the arteries’ properties 

considerably, such that the vessel was stiffer in uniaxial tension. However, long-term 

lower pressure inflation allowed the arteries to adapt to the applied pressure and 

restore the original vessel properties by vessel wall thickening. In the same way, the 

permanent strain induced on a stented artery may initially cause collagen deposition 

and stiffening o f the vessel whilst the long-term healing process of in-stent restenosis 

may be an attempt to restore the original vessel properties by intimal thickening.

Although abnormal values and variations of haemodynamic shear stresses 

have been identified as a likely stimulus for the formation of intimal hyperplasia at 

arterial bypass junctions and within the vascular tree [Bassiouny et a l ,  1992; Keynton 

et a l, 2001], it seems clear from the extensive studies carried out on restenosis that it 

is vascular injury or damage to the vessel wall which is the predominant stimulus for 

the restenosis mechanism.

2.4 Injury as a stimulus for in-stent restenosis

2.4.1 Relationship with stent design

Many clinical studies have been carried out to investigate stent performance. Among 

the findings from these studies has been that different stents have different in-stent 

restenosis rates [Kastrati et al., 2000; McClean et al., 2002; Colombo et al., 2002].
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Hoffman et al. [1999] conducted a study to determine the effects of stent- 

induced injury on the formation of restenosis within human coronary arteries. They 

found that tissue proliferation within and surrounding stents is dependent on the 

‘aggressiveness’ of the stent implantation technique. The aggressiveness of the 

procedure was defined by an aggressiveness score. However, unlike the injury score 

defined by Schwartz and Holmes [1994], the aggressiveness score was determined 

from the magnitude of the product of the balloon/artery diameter ratio and the final 

inflation pressure of the balloon. They used IVUS imaging to quantify the degree of 

tissue proliferation at follow-up. In-stent and peri-stent intimal hyperplasia thickness 

within the vessels correlated significantly with the aggressiveness ratio, with greater 

tissue proliferation found at higher values. In addition, the degree o f surface monocyte 

cell adhesion and infiltration into the stented arteries was found to correlate with the 

degree of injury and intimal hyperplasia.

Vascular injury caused to a vessel by the implantation of a stent, whether 

defined by the depth of penetration of the stent wires into the host artery wall or by an 

aggressiveness score, has consistently been found to determine the degree of 

restenosis [Schwartz et a l, 1994; Rogers and Edelman, 1995; Arakawa et al., 1998; 

Hoffman et al., 1999]. Histological studies have also indicated that intimal 

hyperplasia thickness after stent placement is related to vessel trauma during stent 

placement [Carter et al., 1994], The level of vascular injury, therefore, depends on the 

balloon/artery ratio, the inflation pressure of the balloon and also the material 

properties and configuration of the stent. These parameters also determine the stress 

and strain induced in the stented vessel wall.

It should be noted that, in the study by Hoffman et al. [1999], a larger 

balloon/artery ratio and a higher balloon inflation pressure did not mean a larger final 

lumen diameter at follow-up because in-stent restenosis had narrowed the vessel 

lumen. In other studies, greater intimal hyperplasia has been noted in over-expanded 

vessels but often there has been a corresponding increase in the lumen diameter and 

therefore the vessel has been able to accommodate the restenotic tissue without 

complete stenosis occurring. This has led to the ‘bigger is better’ approach in stenting, 

i.e. intentional over-expansion of the vessel by the stent to ensure that the restenotic 

material will be accommodated and not cause complete stenosis [Goldberg et al., 

1998]. However, Hoffman et al. [1999] found a higher incidence of complete stenosis 

with increased aggressiveness of the procedure.
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Arakawa et al. [1998] found a correlation between higher vessel stretch by 

stenting and intimal hyperplasia in human coronary arteries after stenting. In the 

study, higher stent-to-vessel CSA ratio at stenting resulted in more neointimal 

proliferation 6 months after stenting. They found the optimum stent-to-vessel CSA 

ratio to be 0.7 in order to minimise restenosis. This indicates that stent deployment 

protocols may need to consider optimal rather than maximal lumen diameters to limit 

vascular injury.

However, if the stent-to-vessel diameter ratio were the only factor which 

dictated in-stent restenosis, then no single stent design would be superior provided 

that the stent/artery diameter ratios were the same. Rogers and Edelman [1995] 

compared stainless steel stents with two geometries: slotted-tube and corrugated ring- 

type stents at 2 weeks after implantation in denuded rabbit iliac arteries. Both stent 

configurations were of identical mass, surface area, and surface finish. The ring stents, 

however, were associated with significantly less vascular injury, having a 42% lower 

vascular injury score; significantly less thrombosis (15% versus 42%); and 

significantly less neointimal hyperplasia (38% lower). The reduced risk of restenosis 

associated with the corrugated ring stents was postulated to be due to the fact that they 

had 29% fewer strut-strut intersections compared to the slotted-tube stents, and they 

did not flare at the ends. Therefore, we can conclude from the study by Rogers and 

Edelman [1995] that: (i) the geometrical configuration of the stent alone can 

determine the degree of vascular injury and subsequent restenosis, and (ii) the rigid 

strut-strut intersections of a stent would be likely to exert more injury to the vessel 

during vasoconstriction of the artery after stenting than the body of the stent.

Some stents may even induce a different response at different points along the 

length of the stent. Greater luminal loss after stent implantation has been observed at 

the edges and at the central articulations of the Palmaz-Schatz stent, see Figure 2.7 

[Hoffman et al, 1996; Dusaillant et al, 1995; Ikari et al, 1995]. At the articulation 

point, the artery may not be sufficiently supported by the stent and so prolapse of the 

tissue may contribute significantly to luminal loss. However, the edges of the Palmaz- 

Schatz stent dilate more than the body during normal inflation. As a result, the stent 

edges may be more deeply embedded in the vessel wall than the body causing more 

severe injury to the vessel. Therefore, intimal hyperplasia is most likely greater at the 

edges of the stent as a consequence of greater injury to the vessel. In addition, the 

junctions of stented and native arterial segments are subject to abrupt transitions in
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Figure 2.7 A section o f  a Palmaz-Schatz stent [Hojfman et a l, 1996]

diameter, contour and rigidity [Edelman and Rogers, 1996], which may induce non- 

physiological, high concentrated stresses in the vessel wall at the stent edges. 

Although an atherosclerotic artery would be relatively stiff compared with a healthy 

artery, it would be still considerably more compliant than the stented segment o f the 

vessel. This is because stents are designed to withstand vasoconstriction pressures of 

up to 450 mmHg (~60 kPa) [Serruys et a l ,  1998], whereas physiological pressures are 

only in the range of 80-120 mmHg (10-16 kPa).

It is hypothesised therefore that the stresses induced in the artery walls by the 

implantation o f a stent may determine the degree of injury caused to the vessel and 

hence the degree o f restenosis. The stresses induced within a stented vessel can be 

estimated using FEM, provided that information on the vessel and stent material 

properties are known along with the boundary conditions of the problem.

2.4.2 Measures o f arterial damage

As discussed in the previous section, vascular injury caused to a vessel by a stent may 

be used as a stimulus for restenosis. To use this idea for biomechanics it is necessary 

to have a quantitative measure of damage.

Damage accumulation under cyclic loading leading to fatigue failure has been 

found to occur in soft tissues in much the same way as bone [Wang et a l,  1995]. For 

example, fatigue tests were carried out on lengths of wallaby tendons at different 

stress levels and different frequencies to determine the rate o f damage accumulation 

within the tendon tissue. Plots of force versus displacement for selected cycles o f the 

fatigue tests showed a gradual decrease in stiffness throughout each test. The falling
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stiffness of the wallaby tendon tissue was deemed a symptom of the accumulation of 

damage within it.

The characteristic pattern of in-stent restenosis and the observations of Wang et 

al. [1995] and Ker and Zioupos [1997] have led the author to hypothesise that cyclic 

loading o f another soft tissue, the arterial wall, may also result in localised damage 

accumulation. Damage may be induced within a stented vessel when the expansion 

stress created by the stent is superimposed on the cyclic load due to blood pressure. 

The elevated stresses generated within the vessel wall by the stent scaffolding open 

the artery may cause localised damage accumulation around the stent struts, which 

may cause a healing response and consequently restenosis. The rate of damage 

accumulation within arterial tissue can be ascertained at the elevated stress levels 

imposed by the stent by determining the reduction in stiffness o f the tissue during 

fatigue tests in a similar way to that carried out by Wang et al. [1995] on wallaby 

tendon test specimens. Fatigue damage could act as a stimulus for tissue repair, in the 

form of SMC proliferation and consequently intimal hyperplasia thus narrowing the 

lumen of the stented vessel and ultimately causing in-stent restenosis.

The idea o f fatigue damage accumulation within arterial tissue at elevated stress 

levels will be investigated as part of this thesis.

2.5 Previous experimental tests to determine the elastic behaviour 

of arterial tissue

2.5.1 Anatomy o f the artery wall

Arteries are the blood vessels in the body that carry oxygenated blood to the organs 

and cells of the body. They may be divided into two categories; elastic arteries and 

muscular arteries. The elastic arteries of the body are the largest vessels and include 

the aorta, the carotid and the iliac arteries. Muscular arteries include the coronary and 

femoral arteries. All of the arteries in the body comprise three concentric layers; the 

tunica intima, the tunica media and the tunica adventitia, see Figure 2.8.
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Figure 2.8 Schematic o f  a human muscular artery [adapted from  Website 3].

The intima of large arteries is composed of a monolayer of endothelial cells 

and a thin underlying layer of fibrocoiiagenous tissue. A band of elastin, called the 

internal elastic lamina, separates the intima from the media of the artery. The media 

contains smooth muscle cells in an extracellular network of elastin and collagen 

[Humphrey, 2002], Elastic arteries have a thick, highly developed media of which 

elastin fibres are the main component. These are gathered together in sheets arranged 

in concentric layers throughout the thickness of the media. Muscular arteries have a 

media composed of more smooth muscle and collagen and less elastin than the elastic 

arteries. The large elastic arteries gradually merge into muscular arteries by losing 

most of their medial elastic sheets. Usually only two elastin layers remain in muscular 

arteries; the internal elastic lamina and the external elastic lamina at the junction of 

the media with the intima and adventitia, respectively, see Figure 2.8.

The adventitia o f large blood vessels mainly consists o f collagen fibres, which 

are initially undulated in the unloaded state [Humphrey, 2002]. The adventitia also 

carries the blood vessels that supply the smooth muscle cells and fibroblasts with 

oxygenated blood [Martini, 2001].

Arteries exhibit both active and passive mechanical behaviour. The active 

mechanical behaviour o f arterial tissue is determined from the degree of contraction 

of the smooth muscle cells within the artery wall [Holzapfel et a l,  2000]. The passive 

mechanical properties o f arteries, whether elastic or muscular, are dependent on the
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composition o f the artery, namely the amount o f elastin and collagen present in the 

vessel wall. This is demonstrated in Figure 2.9 where the fresh tissue illustrates the 

characteristic J-shaped non-linear stress-stretch response observed when arterial tissue 

is uniaxially loaded in tension.

The response o f the fresh human iliac artery is non-linear and stress stiffening; 

illustrating a low stiffness on initial loading and higher stiffness as the load is 

increased, see Figure 2.9. Linear elastic elastin fibres (E s  3 x 105 Pa) predominantly 

bear the load at low loads giving rise to the large extensions o f the arterial tissue at 

low loads. The initia lly undulated stiffer collagen fibres (E s 108 Pa) are gradually 

straightened and begin to bear the load as the tissue is stretched [Hastings, 1992]. The 

non-linearity o f the tissue is due to the gradual recruitment o f the collagen fibres to 

bear the load on the arterial tissue. The final slope o f the curve, which is also almost 

linear, represents the elasticity o f the tissue when all o f the collagen fibres are 

recruited. The low stiffness o f the elastin fibres and the relatively high stiffness o f the 

collagen fibres has been demonstrated by tensile tests on iliac artery segments. In the 

test, the two constituents were selectively digested away allowing the stress-stretch 

characteristics o f each component to be determined separately, see Figure 2.9 [Burton, 

1962].
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Figure 2.9 Tension-length diagrams fo r the wall o f human iliac arteries, 

after selective digestion o f elastin fibres (trypsin), and o f collagen fibres 

(formic acid) [From Burton, 1962].
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There are different amounts of elastin and collagen in different arteries in the 

human body with the amount of elastin reducing and the amount of collagen 

increasing with distance from the heart. This can be illustrated by comparison to 

canine arteries where the collagen/elastin ratio has been measured and found to be 

1.58, 1.89 and 3.12 in the abdominal aorta, femoral and coronary arteries, respectively 

[Fisher and Llaurado, 1966, cited in Humphrey, 2002].

For the purpose o f developing a preclinical test on coronary intravascular 

stents, a constitutive model o f human coronary arterial tissue is required. Suitable 

constitutive models, which can be implemented in finite element codes, are discussed 

in the following section.

2.5.2 Constitutive models o f  arterial tissue

A constitutive model which includes the contribution of the smooth muscle o f the 

artery, in its active state, to the mechanical properties o f arterial tissue has been 

developed by Rachev and Hayashi [1999]. Most constitutive models, however, have 

been established to describe the passive properties o f arterial tissue. For investigating 

the interaction between the arterial system and intravascular devices, the passive 

properties of the tissue are o f most interest.

To model the complex non-linearity and stress-stiffening passive behaviour of 

arterial tissue some assumptions are made. The first assumption is that of 

homogeneity. Histologically an arterial segment can be considered to have a 

reasonably uniform structure in the longitudinal and circumferential directions, but 

not in the radial direction [Wolinsky and Glagov, 1964], Therefore, the wall 

properties may be considered uniform at least in the longitudinal and circumferential 

directions. In the radial direction, they will reflect only the average properties through 

the three layered vessel if a one layer model is used. It should be noted, however, that 

the media of the vessel bears most of the load in an expanded blood vessel since the 

adventitia and intima may, in fact, constitute less than 10% of the thickness o f the 

vessel wall [Humphrey, 2002]. Another implication o f the assumption of homogeneity 

is that no distinction is made between the specific contributions made by the different 

constituents of the wall such as elastin and collagen. However, it is the overall 

mechanical behaviour o f the arterial tissue, and the contribution o f all constituents of 

the vessel, that is of interest here. Therefore, for the purpose o f investigating stent
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induced vascular injury, the artery wall may be adequately represented by a material 

model that assumes homogeneity.

Another assumption is that of incompressibility. Rubber-like materials, which 

are materials capable of undergoing large deformations, show a very low degree of 

compressibility, i.e. they resist volume changes to a much greater extent than they do 

shape changes. Carew et al. [1968] considered the issue of incompressibility in the 

context o f arterial tissue and reported that “for most practical purposes” the 

assumption of incompressibility can safely be made. Dobrin and Rovick (1969) also 

later corroborated this finding.

Although many constitutive models o f arterial tissue are isotropic, it is well 

known that the arterial wall is anisotropic given the three-layered nature of arteries 

and the various constituents of the vessel wall. It has been shown, however, that there 

exists an elastic symmetry about the planes perpendicular to the principal axes. This 

indicates that blood vessels may be considered to be cylindrically orthotropic, having 

elastic symmetry about the planes perpendicular to the r, 0  and z directions [Patel and 

Fry, 1969].

Tickner and Sacks (1967) were the first to present a theory for the study of 

arterial elasticity based on finite deformation o f rubber-like incompressible materials. 

The theory assumes the existence of a strain energy density function, W, for the 

material that is a function of the principal stretches {A\, Az, A3) or the stretch invariants 

(1\, h , h). A constitutive model based on defining a strain energy density function is 

termed a hyperelastic material. For a hyperelastic material;

 ̂ dW   ̂ dW

where: S\̂  = components of the second Piola-Kirchoff stress tensor 

£ij = components of the Green-Lagrangian strain tensor 

Cij = components of the right Cauchy-Green deformation tensor 

Arterial tissue is not strictly an elastic material but displays viscoelastic 

behaviour; therefore, it is strain rate dependant and exhibits hysteresis. The concept of 

a pseudoelastic strain energy density function was developed to describe this 

behaviour [Fung, 1993]. Unique pseudoelastic strain energy density functions can be 

defined for the loading and unloading of a viscoelastic material. This function also 

refers to the strain energy density function of the arterial tissue after the tissue has
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been preconditioned at a specific strain rate. Preconditioning involves cyclically  

loading and unloading the arterial tissue for a number o f  cycles until a steady state is 

reached where no further change occurs in the material stress-stretch curve. The upper 

limit o f  the loading cycle is usually about 20% o f  the expected ultimate tensile 

strength o f  the arterial tissue. For arteries, 3-5 cycles is usually enough to precondition 

the tissue and remove hysteresis [Fung, 1993]. Arteries thus preconditioned can be 

treated as being pseudoelastic and their response during loading or unloading can be 

described by one strain energy density function for a specific strain rate [Fung, 1993]. 

The representation o f  the mechanical properties o f  an artery by a pseudoelastic 

function, where the arterial tissue has been preconditioned, can be justified by the fact 

that arterial tissue in vivo is under a constant cyclic load and is therefore in a 

preconditioned state.

Several forms o f  strain energy fiinctions, in terms o f  the principal strains or 

stretches, have been proposed to fit to experimental data from tests on arterial tissue. 

Patel and Vaishnav [1972] used a polynomial strain energy function given by:

fV = A re '+  B r e r .  + C r l  + O y l  + Eylr^  + F y . r l  + G r l  (2.2)

where: A, B, . . . .G  are material constants and and /z are the Green-St.Venant 

circumferential and longitudinal strains, respectively. They used this form o f  the 

strain energy density function to fit to experimental data from the aorta which was 

assumed to be incompressible and orthotropic. They demonstrated that this third order 

polynomial containing seven material constants gave a good fit.

Fung et al. [1979] employed an exponential form o f  the strain energy density 

given by:

^  = y e x p [a ,£ e \  + a^El  + (2.3)

where: C, a\,  «2, ^4  are material constants and £'ee, '̂zz are circumferential and axial 

Green-Lagrange strains, respectively. Fung et al. [1979] applied this form o f  the strain 

energy density function to study the properties o f  rabbit arteries from different parts o f  

the arterial tree and obtained a good fit with experimental data. Both the methods by 

Patel and Vaishnav [1972] and Fung et al. [1979] are essentially two dimensional and 

orthotropic, since the vessel walls are assumed to be thin (i.e. the radial stresses are
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uniform) and the stresses in the circumferential and longitudinal directions are much 

greater than in the radial direction.

One general polynomial form o f  the strain energy density function in terms o f  

the stretch invariants, given by Maurel et al. [1998] for an isotropic hyperelastic 

material is:

W { 1 „ I „ I , ) =  -3)"’( / ,  -3)" (/3  -3)°,«ooo - 0  (2.4)
i ,j,k = 0

where ayk are the hyperelastic constants. If the principal stretches o f  the material are 

denoted ^2 and A3, then the stretch invariants for the material are:

/ ,  = + Al + Al (2.5a)

= AlAl  + AlAl + AlAl  (2.5b)

I ,  = A^.AlAl (2.5c)

h  =  1 for an incompressible material. Many other strain energy functions have been 

formulated to model incompressible hyperelastic materials. Some o f  these are 

summarised below:

M ooney-Rivlin [Mooney, 1940]

W{I, . / , )  = !;« „ (/, -  3)"(/, -  3)",ao, = 0  (2.6)
i,j=0

where ay are material constants.

Vito [Vito, 1980]

k ^ 4

= £ ^ k ( / i - 3 ) “ (2.7)
k = l

where bk is a material constant.

Ogden [Ogden, 1984]

fV(A,,A„A,) = y ^ ( A , “' + V '  + V '  -3 )  (2.8)

where /ip and are material constants.
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Fung [Fung, 1993]

^  i ,j ,k ,l= l m ,n,p,q=I

3 1 3

«  = Z*^U^U + T Z^ijkl^U^kl+.....
i,j= l

where E’y is the Green-Lagrange strain tensor. This model also applies to an 

anisotropic hyperelastic material. (For further strain energy density functions, see 

Maurel at a l ,  1998).

Holzapfel et al., 2000 have recently developed a three dimensional anisotropic 

multi-layer strain energy density fianction for application to arterial tissue given by:

fV(C, A „ A , )  = ( / , )  + ( / , ,  /  J  (2.10)

where C is the right Cauchy-Green deformation tensor, Ai is given by the tensor 

product ap, < ^ ^ 0 1  ’ ^2  is given by ® <^02 •  ̂ ~  ’̂2, represent two direction

unit vectors defined as

0 0

^01 COS P a n d  a^ 2 c o s  P

s i n  p - s i n  p

where (5 is the angle between the collagen fibres and the circumferential direction o f  

the artery. ( / , )  represents the isotropic contribution to the strain energy o f the 

material, due primarily to the elastin bearing the load at low lumen pressures. 

( /[)  is defined by the neo-Hookean form o f the strain energy density function, i.e.

^,™(A) = f ( A - 3 )  (2.11)

where c is a material constant obtained from experimental data fit.
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^anisoih-’h )  represents the anisotropic contribution to the strain energy 

function which is caused by the orientation o f the collagen fibres in the arterial tissue 

which bear the load at high lumen pressures [Burton, 1962] .

where U and I(, are invariants o f the tensors C ,A i  and A 2 given by:

- C  : A, and = C : Aj

k\ and kj are material constants established from experimental data fit.

In order to apply these models, and many similar ones, to the study o f arterial 

tissue the material constants have to be obtained from tests on arterial tissue. 

Although this has been done for different arterial tissue types from different species 

the application o f these models to computational models o f  cardiovascular stenting 

and angioplasty procedures is very limited [Vito and Dixon, 2002]. Some o f the 

computational models to-date represent the vascular wall as linear elastic [Loree et 

al., 1992; Rogers et al., 1999] or as an isotropic hyperelastic material based on 

uniaxial data alone [Hayashi and Imai, 1997; Auricchio et al., 2001]. Only one study 

has modelled the arterial tissue as an anisotropic hyperelastic material model 

[Holzapfel, 2002].

The best deformation modes for testing, to determine the hyperelastic material 

constants for any o f the above models, are those that are the dominant modes o f 

deformation in the application o f interest for the material defined by the model. A 

stented vessel undergoes primarily uniaxial and biaxial tension where the arterial 

tissue drapes between the stent units, and uniaxial compression where the stent 

contacts with the artery wall. However, for an incompressible material uniaxial 

compression creates the same deformation as equibiaxial tension (see Fig. 2.10) and 

therefore, it is not necessary to test an arterial tissue in both uniaxial compression and 

equibiaxial tension in order to characterise the tissue. An accurate model for arterial 

tissue in cardiovascular stenting applications would be a constitutive equation based 

on fitting to experimental data from uniaxial tension and equibiaxial tension tests or 

data from inflation tests o f arteries, which combine arterial lumen pressure with axial 

tension.

i - A fs

(2 .12)
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Figure 2.10 Equivalent modes o f  deformation fo r  an incompressible 

material [Ansys Theory manuals]

O f most interest for stenting applications with the potential to be used in 

preclinical tests are hyperelastic material models which can represent adequately the 

large deformations o f arterial tissue whilst also being easy to implement in finite 

element codes. Models that are available in commercially available finite element 

codes are limited to isotropic models and always include a form of the Mooney-Rivlin 

model and the Ogden model. High order Ogden models are generally weaker than the 

Mooney model and can cause numerical instabilities. On the other hand, many 

different forms of the more stable generalized Mooney-Rivlin model are available in 

commercial finite element analysis codes which can, or so it is claimed, accurately fit 

experiment data. The strain energy function W, given by Mooney [1940] in Eqn. 2.6, 

can be expanded to obtain the special cases of the two, five or nine-parameter strain 

energy density functions:

fF = a ,o ( / i - 3 )+ a o , ( /2 -3 )

fF = a ,o ( / i -3 )+ao ,( /2 -3 )+a2 o(^i -3 ) '

+ « i i ( / i - 3 X /2 -3 )+ a o 2 ( /2 -3 ) '

fF = aio(/, -3)+aoi(/2 -3)+^»2o(A “ 3)̂

+ «ii(/i -3X/2-3)+«02(/2-3)'
+ a 3 o ( / , - 3 ) ' + a 2 , ( / , - 3 ) ' ( / 2 - 3 )

+ ^12(^1 “ 3X/2 “ 3)  ̂ +^03 (-̂ 2 ~3)^

(2.13)

(2.14)

(2.15)
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These equations represent first, second, and third order models respectively. 

When the first order model is reduced to W = oio(/i - 3) it is called the neo-Hookean 

form of the strain energy function and it is the simplest hyperelastic constitutive 

model [Treloar, 1943]. The deformation modes of a hyperelastic material can, in 

principle, be more accurately modelled as the order of the expression for W is 

increased. When a suitable form of the strain-energy function is chosen, the 

parameters ay are found by non-linear regression. Many of the hyperelastic models 

available in commercial finite element analysis codes are special cases of the 

Mooney-Rivlin nine-parameter model, such as the third order model used by Hayashi 

and Imai [1997].

Since, the assumption of isotropy for arterial tissue does not represent the 

arterial tissue exactly, the use of an isotropic material may lead to errors in the 

analysis of the inflation response of vessels. However, if an isotropic Mooney-Rivlin 

model is established based on experimental data of the deformation modes of interest 

it may be used to model arterial tissue without a large error in the case where the 

tissue has an initial prestretch (see Appendix A for a more detailed discussion of the 

use of an isotropic model).

2.5.3 Uniaxial tensile tests

In uniaxial tensile testing, longitudinal and circumferential specimens, usually in a 

rectangular shape, are gripped and pulled lengthways and the force-elongation 

relationship recorded. There have been many studies, which have measured the non

linear stress-strain relationship in uniaxial tension of different arterial tissues from 

different species as well as from different areas in the arterial tree (Sharma, 1974; 

Patel and Fry, 1969; Bergel, 1972; Mohan and Melvin, 1982; Fung 1993).

The complex organisation of the constituents of arterial tissue, namely the 

collagen and elastin, means that the deformation response of arteries is strongly 

coupled in the principal directions, i.e. the radial, longitudinal and circumferential 

directions. This requires simultaneous multiaxial testing, e.g. biaxial testing. Unlike 

other biological orthotropic materials, like bone, multiple uniaxial tests are 

insufficient due to nonlinear interactions in arterial tissue, i.e. an applied axial strain 

in arteries alters the circumferential stress-strain curve [Humphrey, 2002], Therefore, 

uniaxial testing does not describe the deformation of the arterial tissue adequately,
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especially for applications where the tissue undergoes complex deformation modes, 

such as during stenting procedures.

2.5.4 Biaxial tensile tests

If arterial tissue may be considered to be incompressible, three-dimensional 

mechanical properties can be obtained from two-dimensional data. This has 

encouraged a number of studies to estimate the biaxial response o f arterial segments. 

A review of biaxial testing of soft tissues has been recently published by Sacks 

[2000], whilst a review of constitutive models and relevant experimental testing to 

establish these models specifically for blood vessels has been written by Vito and 

Dixon [2002]. The main challenge in biaxial testing is to control two boundary 

conditions. The edges of a biaxially loaded sample need to be free to expand since the 

sample is loaded in two principal orientations. This excludes the use of solid clamping 

grips in biaxial testing. In addition, the gripping of the sample by numerous grips, to 

allow lateral extension, necessitates the use o f non-contact strain measurement in a 

central region of the test specimen far from the specimen edges to avoid the localised 

affect of the grips.

Biaxial testing has been carried out primarily on the following soft tissues; 

arterial tissue [Manak, 1980; Vito, 1980; Vaishnav et a l ,  1973], skin [Lanir and Fung, 

1974], heart valve tissue [Billiar and Sacks, 2000] and pericardium [Sacks and 

Chuong, 1998; Choi and Vito, 1990].

To test skin under biaxial loading, Lanir and Fung [1974] floated square skin 

specimens in saline solution and applied biaxial forces by means of silk threads 

attached to the tissue by small staples, see Figure 2.11(a). An actuator, which was 

controlled via a function generator, applied the loads in the principal material 

directions. Strains were measured using two orthogonally positioned video 

dimensional analysers to simultaneously measure the strain in both principal stretch 

directions. Other studies have used a similar technique to load square arterial tissue 

specimens but have also incorporated complex feedback mechanisms to control the 

stress/stretch in the two orthogonal principal directions. The strain in the samples was 

measured using non-contact video extensometers mounted above the test specimens 

[Vaishnav er a/., 1973; Fronek e? a/., 1975; Vito, 1980, Zhou and Fung, 1997].
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Alternative gripping techniques have also been used whereby alligator grips were 

used to grip the tissue samples, see Figure 2.11(b).

Although a number of investigations into the biaxial behaviour of arterial 

tissue have been carried out, the availability of this data in a format suitable for 

implementation in preclinical tests is limited. Although arterial tissue is anisotropic,

force distnbutor
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Figure 2.11 Gripping techniques for biaxial testing; (a) biaxial testing oj 

skin samples [Fung et al, 1974] and (b) gripping for thoracic aorta tissue 

samples [Manak et al., 1980J.
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tests that apply an equal force to the four sides o f a square tissue specimen can be 

devised. The resultant stress-stretch response in the two orthogonal directions can 

then be averaged to give the equibiaxial response of the tissue. No data o f this nature 

was found in the literature which could be used to define a hyperelastic constitutive 

material model for coronary arterial tissue.

An alternative method to testing planar excised arterial tissue specimens 

involves inflation tests on intact arterial segments. Inflation tests on arterial tissue, 

whereby both a longitudinal force and an internal pressure are applied to a cylindrical 

vessel, have been carried out in the past [Vito, 1980; Fung et a l, 1979; Ogden and 

Schulze-Bauer, 2000, van Andel et al., 2003]. This method has the particular 

advantage of avoiding traumatic excision and the mechanical properties are closer to 

physiological loading conditions. However, the use o f data from these experiments on 

cylindrical specimens to define a constitutive model which can be implemented in 

finite element codes is not straight forward given the complex loading patterns and the 

anisotropic nature of the vessel.

Ideally, numerical studies on intravascular stents should use a material model 

defined from data from fresh human coronary arteries. However, fresh human 

coronary arteries are very difficult to obtain for testing because they are necessary for 

the embalming process of cadavers'. The coronary artery would have to be replaced 

by a bypass graft to enable the heart to be embalmed in a cadaver where the coronary 

arteries are harvested. In fact, harvesting the coronary artery alone is a complicated 

surgical procedure that requires extensive dissection [Humphrey, 2002]. 

Consequently, until very recently, the only available data on coronary arteries were 

uniaxial tensile tests of segments of human coronary arteries [Yamada, 1950] and a 

study which published the relationship between lumen pressure and axial and 

circumferential strain for one intact human and one porcine coronary artery [Carmines 

et a l,  1992]. However, van Andel et al. [2003] have now carried out a study of the 

inflation response of a number of human coronary and porcine coronary vessels and 

found that the porcine arteries have up to three times greater elasticity than the human 

coronary arteries. This result is to be expected since the human coronary tissue was 

taken from aged patients and atherosclerosis was present in all of the vessels.

' Personal communication with Prof. Clive Lee, Dept, o f  Anatomy, Royal College o f  Surgeons in 
Ireland.
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Data are currently available on the mechanical properties of human aortic 

atherosclerotic plaques, which were collected during autopsies [Loree et ai, 1994], 

This data defines the uniaxial tensile properties of calcified intimal aortic plaque and 

may therefore be used to define a hyperelastic constitutive equation to represent this 

material in finite element analyses, see Figure 2.12.

However, no data exist on the uniaxial and equibiaxial properties of human 

coronary arteries, which could be used to define a hyperelastic model for the 

computational preclinical tests to be proposed in this thesis.
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Figure 2.12 Uniaxial stress-strain data for calcified human aortic plaques 

[Loree et al, 1994]

39



2.6 Biomechanical analysis of stents using the finite element method

Since the emergence of stents nearly 20 years ago, research to assess their 

performance has been based almost solely on clinical trials. Preclinical tests on the 

biomechanical performance of different stent designs and materials have only 

emerged in the last 5 years with the dramatic increase in computing capabilities. An 

early in-vitro preclinical test was carried out by Peacock et al. [1995], However, the 

study was solely concerned with flow disturbances induced by different coronary stent 

designs. Peacock et al. postulated that in-stent restenosis is a similar mechanism to 

intimal hyperplasia at graft-artery anastomoses and that it was due to flow instabilities 

and altered shear stresses induced by stenting. This theory has also been proposed and 

investigated by other researchers since this early study, using both in-vitro and 

computational techniques [Berry et al., 2000; Wentzel et al., 2001]. Endothelial cell 

migration onto metal stent surfaces under static and flow conditions was also 

investigated by Sprague et al. [2000] but little research has been done to assess the 

biomechanical properties of stents.

One of the first such finite element analyses was carried out to assess the fatigue 

behaviour of a nitinol self-expanding stent. The area o f maximum tensile stress and 

expected fatigue failure of the Symphony stent design was determined [Whitcher, 

1997]. The finite element model in this study by Whitcher [1997] had some 

limitations, especially in the geometric representation of the stent. The stent was 

modelled as a planar segment rather than a radial segment. This paper was, however, 

the beginning of a new surge in research on stents using finite element analysis, which 

included computational assessment of the expansion mechanisms, recoil, fatigue life 

and collapse of balloon-expandable and self-expanding stents [Dumoulin and 

Cochelin, 2000; Etave et al., 2001; Tan et al., 2001; Migliavacca et al., 2002; Chua et 

al., 2003]. As previously discussed in Section 2.4, stent design has been found to 

dictate the degree of in-stent restenosis [Colombo et al., 2000] and has been linked to 

vascular injury [Rogers and Edelman, 1995], the probable stimulus for in-stent 

restenosis. However, numerical analyses that investigate the interaction between the 

stent and the artery are very limited.

Edelman and Rogers [1998] have used the finite element method to carry out a 

2D analysis to investigate balloon-artery interactions during stent placement. The 

study has shown that factors such as the balloon inflation pressures, stent-strut
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openings and balloon compliance can influence the contact stresses between the 

balloon and the arterial tissue between the stent struts and hence vessel injury. 

However, the study by Edelman and Rogers [1998] was limited to a 2D analysis and 

furthermore used linear elastic material properties to model the arterial tissue. A fully 

three dimensional model has been developed by Auricchio et al. [2001], to assess 

improvements to a stent design. However, the arterial tissue properties used were 

based on a hyperelastic material defined by uniaxial data from the aorta o f Japanese 

white rabbits and so the stresses in the artery wall were not reported and injury caused 

to the vessel wall was not assessed.

The most detailed numerical model to-date of a cardiovascular intervention is 

that by Holzapfel et al. [2002]. They have developed a full 3D model o f a realistic 

iliac artery vessel geometry using FEM. The material model for the vessel is 

orthotropic and multi-layered and is based on experimental data taken directly from 

tests on a human iliac cadaveric artery. The stresses induced within the vessel during 

balloon angioplasty and a Palmaz-Schatz stenting procedure were estimated. The 

limited mesh density of the vessel, however, meant that the localized stresses around 

the stent struts could not be computed. These are the important stresses because they 

would be the most likely site of vascular injury and therefore provoke in-stent 

restenosis. Consequently, it would not be possible to determine differences in the 

level o f vascular injxuy as a function of stent design from their study. No doubt, 

however, these researchers will make rapid advances in the future.

Models which include patient specific information, such as that contained in the 

model reported by Holzapfel et al. [2002], offer valuable information on the level of 

stresses within a realistic vessel geometry. The specificity o f the model to one vessel 

however, which in this case is a cadaveric iliac artery, and the limited mesh density 

possible given the complexity of the material model may limit the use of this type o f 

analysis. A model such as this is difficult to use to compare and contrast different 

stent designs, the stent biomechanics or the influence o f the stent design on vessel 

wall injury localised around the stent struts. The stent biomechanics and localised 

vessel wall injury should be of great concern to stent manufacturers and clinicians 

since they are main determinants of the major long-term failure mechanism of stents; 

in-stent restenosis.

Immediate patency is always achieved with commercially available stents; 

however, it is the propensity to cause restenosis that is unknown and of interest. Some
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theoretical models of restenosis or vascular remodelling have been developed to-date 

[Taber et ah, 1998; Rachev et al., 2000], More recently, a computational model of 

restenosis in grafts has also been developed [Yang et al., 2003], The theoretical 

restenosis model by Taber [1998] used both fluid shear and wall stresses as the stimuli 

for growth in an aorta. This growth model was used to predict the changes in the 

thickness o f a rat aorta during early development and following the sudden onset of 

hypertension. The study succeeded in developing a model which showed good 

agreement with published data on aortic growth in rats. This model was one of the 

first to develop a theoretical framework to model the observed adaptation o f arteries 

to hypertension. The ability of arteries to respond and adapt to hypertension has been 

well documented [Fung, 1993]; however, in-stent restenosis is a more localised acute 

response to arterial injury than the chronic response observed in arteries subjected to 

hypertension.

The restenosis model developed by Rachev et al. [2000] used the stress 

concentrations at the artery-stent or artery-graft junction as the stimulus for arterial 

intimal thickening. In the mathematical model developed intimal thickening was 

allowed to form which was proportional to the magnitude of the circumferential and 

axial stress deviations from the baseline stresses. The baseline stresses were taken as 

the arterial wall stresses at a region far from the artery-stent or artery-graft junction. 

The remodelling process defined by this mathematical model was found to be self- 

limiting and caused local thickening in the stented vessel that gradually decreased 

with distance from the edge of the stent/graft. This model clearly demonstrated how a 

localised response o f arterial tissue to altered wall stresses could cause intimal 

thickening and restenosis. However, the theoretical model was limited to a very 

simplified representation of an artery-graft or artery-stent junction. It assumed the 

artery to be a long circular cylindrical shell and the stent or graft joined to the artery 

was simply represented by clamping the artery at one end.

Yang et al., [2003] have recently developed a computational growth model for 

restenosis in grafts. The model developed uses only fluid shear stresses as the 

stimulus for intimal thickening. As stated earlier, alterations in fluid shear stresses 

may contribute to in-stent restenosis; however, vascular injury has consistently been 

identified as the most significant contributor to the onset o f in-stent restenosis. Cleary, 

the optimum restenosis model should include the effects o f both stimuli.

42



2.7 Conclusion

The mechanism of in-stent restenosis is clearly a complex one, involving a sequence 

o f cellular events in response to vascular injury. It begins with an inflammatory and 

thrombotic response and is followed by smooth muscle cell proliferation and eventual 

restenosis. Although acute thrombosis in stented vessels needs to be addressed by 

using anticoagulation drugs, its overall ability to deliver a long-term solution to the 

problem of in-stent restenosis is not yet proven. Stent coatings can minimise acute 

thrombosis but vascular injury also causes a thrombotic response. It has been found 

that the thrombotic response to stent materials alone may not be the main influence on 

the predominant mechanism of in-stent restenosis, i.e. smooth muscle cell 

proliferation and intimal hyperplasia formation, but rather that vascular injury needs 

to be kept to a minimum. It is therefore anticipated that further exploration of the 

mechanism of stent-induced vascular injury and subsequent restenosis may lead to 

stent deployment protocols and stent designs that consider optimal rather than 

maximal lumen diameters so as to limit vascular injury. Gottsauner-Wolf et al. [1996] 

summed this up where they stated “Smooth muscle cell proliferation may be 

conceptualised as part of a useful and needed healing process after arterial injury. 

Stopping this healing process at a point where restoration o f the endothelial surface is 

achieved, yet before a haemodynamically important reduction in vascular cross- 

sectional area occurs, is the basis of efforts to reduce restenosis” . Clearly therefore, 

the ideal stent design should have a low propensity for in-stent restenosis by 

minimising damage to the wall during deployment whilst still maintaining sufficient 

vessel patency.

The contention of this thesis is that a stent can be designed and preclinically 

tested to achieve this objective. Although numerous numerical models exist for 

describing the non-linear and anisotropic behaviour o f arterial tissue the anisotropic 

models cannot be easily implemented in commercial environments. The anisotropic 

models also require information on collagen fibre angles within the arterial tissue, an 

average value of which can be obtained from cadaveric tissue. Given the variability in 

the mechanical properties of biological tissue it may be reasonable to use an isotropic 

hyperelastic model to describe the non-linear stress-stiffening behaviour o f arterial 

tissue. Isotropic hyperelastic models have also the advantage that they are easy to 

implement as they are readily available in all commercially available finite element
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codes and are not very computationally expensive. This is a necessity for any 

preclinical testing technique if it is to find broad applicability in the medical device 

industry. Whilst an anisotropic model would be more accurate in a specific case, it is 

proposed that an isotropic hyperelastic model which describes the non-linear stress- 

stiffening behaviour of arterial tissue and is based on both uniaxial and equibiaxial 

experimental data presents an appropriate balance between the complexity of 

anisotropic modelling and the hyperelastic models based on uniaxial data alone.

Although in-stent restenosis represents the major limitation to the long-term 

success of stent implantations, there is currently no preclinical means for stent 

designers or manufacturers to predict it. Some techniques exist for predicting intimal 

thickening within arteries subjected to abnormal fluid shear stresses and/or abnormal 

wall stresses. Clearly, therefore, there remains a need for a preclinical testing 

methodology which can be easily implemented and used to determine the vascular 

injury caused to a vessel by a stent, can be correlated to clinical restenosis rates and 

can subsequently be used to determine the propensity of different stent designs to 

cause in-stent restenosis.
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3.1 Introduction

This chapter describes all o f the experimental and computation methods used in this 

thesis to determine if stents can be designed to prevent restenosis. Finite element 

models of arteries in which cardiovascular stents were deployed were developed to 

achieve this objective. The finite element models were used to compute the stress and 

hence the level of vascular injury caused to a vessel by different stent designs and to 

determine if the development of in-stent restenosis may be attributed to the degree of 

vascular tissue loading.

Uniaxial and equibiaxial tension tests were carried out on both human femoral 

arterial tissue and porcine coronary arterial tissue to obtain the stress-stretch 

characteristics of tissue in the deformation modes that arterial tissue undergoes during 

a stenting procedure. This experimental data was used to define a Mooney-Rivlin 

hyperelastic constitutive model for each tissue type. These hyperelastic models were 

implemented in a finite element code and used to define the coronary arterial tissue in 

the finite element models o f the stented vessels.

Fatigue tests were also performed to ascertain if damage accumulates within 

arterial tissue under cyclic loading and, if  so, the rate of damage accumulation. Using 

this damage as the stimulus for in-stent restenosis, the finite element models were 

used to test a computational model of the in-stent restenosis mechanism.

3.2 Determination of the elastic behaviour of arterial tissue

Tensile test data were obtained for both human femoral arterial tissue and porcine 

coronary arterial tissue. Human femoral arterial tissue, although less muscular than 

human coronary arterial tissue, is susceptible to atherosclerosis and was therefore 

tested to represent aged atherosclerotic tissue similar to human coronary tissue. The 

cadaveric femoral arterial tissue obtained had varying levels o f atherosclerotic disease 

present. Porcine coronary tissue was also tested to represent the mechanical properties 

of healthy human coronary arterial tissue. Porcine coronary arterial tissue was 

selected for testing because the porcine coronary artery is anatomically similar to that 

of humans, and is widely available [Swindle, 1992].

It is recognised that planar equibiaxial tensile tests on arterial tissue specimens 

apply non-physiological loads. However, the data from these tests are needed to
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develop Mooney-Rivlin constitutive models that can be used to predict multi-axial 

deformations of the kind that occur in vascular tissue as a result of cardiovascular 

stenting.

3.2.1 Human fem oral arterial tissue tests

Human femoral arterial tissue was obtained from cadavers in the Royal College of 

Surgeons in Ireland. Samples were stored in antibiotic solution at 4°C until testing. 

The protocol used for preparation o f the antibiotic solution is given in Appendix B. 

All samples were prepared under sterile conditions, and any visible connective tissue 

was removed from the surface o f the vessel before it was cut along its length, gently 

pressed flat, and sectioned. Lengths o f tissue were prepared for uniaxial testing and 

areas of 25 mm square were prepared for biaxial testing. The thickness o f each sample 

was measured with a Vernier calipers at several locations and an average taken. Each 

sample was marked to indicate its circumferential/longitudinal orientation. Both 

uniaxial and biaxial stress-stretch data were obtained as described in Sections 3.2.1.1 

and 3.2.1.2 below. In both tests a strain rate o f 60% min'' was used. Specimens were 

continuously irrigated with 0.9% saline solution during testing and tests were carried 

out a room temperature. Preconditioning o f the samples was carried out to a 

maximum load of 1 N at a strain rate o f 60% min''. There was some variation in the 

thickness of the femoral artery tissue specimens, which were 1.5 +/- 0.5 mm.

A strain rate of 60% min"' was chosen for all tests as it represents the rate at 

which an artery would be circumferentially expanded in a typical stenting procedure, 

i.e. an artery initially 2.2 mm diameter (3.5 mm vessel with 60% area stenosis), 

expanded to 3.5 mm diameter in 60 seconds, would be subjected to a circumferential 

strain rate of 60% min"'.

3.2.1.1 Uniaxial testing

Custom made stainless steel grips with rubber coatings and emery paper to prevent 

slippage during loading were mounted on a 1011 Instron (displacement controlled) 

tensile testing machine. Specimens were longitudinal in the in vivo orientation. 

Extension of the specimen was taken to be the crosshead displacement. The tests were 

stopped when tearing began at either the grips or along the length of the specimen. 

The stress was determined by dividing the load by the instantaneous cross sectional
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area and the stretch was obtained by dividing the instantaneous length by the original 

length.

3.2.1.2 Equibiaxial testing

The biaxial rig was designed so that it could be used on a standard uniaxial testing 

machine and comprised a number o f working assemblies, as shown in Figure 3.1. 

The biaxial tests on femoral arterial tissue were carried out on a displacement 

controlled Instron 1011 tensile testing machine. The biaxial loading device consisted 

o f a balanced set of levers or rotating beams of equal length which were free to pivot 

on polished stainless steel shoulder screws [one such lever is indicated by Point 5 in 

Figure 3.1]. Oil-impregnated bushes were used to minimize frictional forces between 

the screws and the beams. These balance beams ensured an equal force was applied to 

the four sides of a square test specimen. The levers are attached to a central block 

[Point 4 in Figure 3.1] by four horizontal beams and the central block fixed to the 

machine crosshead. The base plate o f the assembly had four brackets and was secured 

to the base of the testing machine such that each bracket was directly below the ends 

of two adjacent balance beams. The main function of the bracket-pulley assemblies 

were to turn the vertical cable network through 90° and guide them toward the square 

specimen of cardiovascular tissue positioned centrally on the base plate. High strength 

fishing line (50 lb breaking strain) was used for the cable network. The route taken by 

the thread can be seen in Figure 3.1. Each line was connected to the balance beam, 

then around the curved beam ends, through the pulley-bracket fixture on the base 

plate [Point 10 in Figure 3.1], and then through the loading bracket [Point 9 in Figure 

3.1] before returning via a similar route to the end of the adjacent balance beam. In 

this way the cables and rotating balance beams ensured that if  one of the principal 

directions was stiffer than the other that the beams could rotate to allow a different 

value o f stretch in each of the principal directions whilst maintaining an equal force.

The loading bracket transferred the loads from the line to the specimen. The 

jaw ends of crocodile clips were used to grip the sample and the other ends were 

linked to vertical dowel pins on the Perspex loading brackets.

Validation of the biaxial test device was carried out by measuring the 

equibiaxial stress-stretch response o f a square, 1mm thick, silicone specimen. The 

isotropic silicone sample exhibited an isotropic response with equal forces maintained 

on the four sides o f the sample and a resulting equibiaxial strain condition.
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2) Initial connection 
point of tension line 
to balance beam

3) Final connection 
point of tension line 
to balance beam

4) Central block

5) Rotating beams

6) High strength thread 
tension lines

7) Threads with hooks 
at ends

8) Tissue test specimen

9) Loading bracket

10) Pulley bracket

11) Baseplate

Figure 3.1 The equibiaxial testing device.



A 3 X 3 array o f dots was printed on the inner surface o f the blood vessel using 

a rubber stamp and water resistant, oil-based, quick drying ink. A typical such sample 

is shown in Figure 3.2. The distance between each dot was approximately 5 mm. Two 

crocodile clips were attached at each side as shown in Figure 3.2. The clips were 

adjusted to ensure that each jaw  remained firmly locked during the test.

The sample was then placed in the centre o f the rig and the metallic clips 

hooked between the Perspex loading brackets and the crocodile clips. The crosshead 

of the Instron was advanced until any slack was eliminated from the specimen. The 

tests were stopped when tissue tearing or slippage began at the jaws of the crocodile 

clips.

A high-resolution colour digital camera (JAI CV-950, Vortex Vision, UK) 

mounted above the test specimen was used to take images of the tissue at one second 

intervals during the test. Each image was edited to remove the background and to 

isolate the markers. The image was then thresholded and brought into UTHSCSA 

Image Tool (University o f Texas).

The strain of the tissue in the principal directions was then determined from 

the movement of the centroid o f these four central dots on the specimen from picture 

to picture as the load increased. The first step in calculating the engineering stress was 

to divide the load cell reading by two, to determine the load in each of the principal 

directions. The load in each principal direction was then divided by the initial cross- 

sectional area. The cross-sectional area was taken as the product of the gauge length 

and the thickness of the sample. The gauge length was taken as the distance between 

the ends of the crocodile grips, determined using image analysis, and was averaged 

for the two principal directions.

K • •.
/  ^

Figure 3.2 Close-up view o f  a human femoral biaxial specimen with the 

array o f dots used to measure stretch and the crocodile clips used to 

clamp the tissue.
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3.2.2 Porcine coronary arterial tissue tests

Porcine left, right and circumflex coronary arteries were harvested within 3 hours of 

death from the hearts of adult domestic pigs, which were obtained from an abattoir. 

The arteries were stored in an antibiotic solution at 4°C prior to testing to preserve the 

tissue properties, and were tested within 4 weeks o f harvesting. All samples were 

prepared under sterile conditions, and any visible loose connective tissue was 

removed from the surface of the vessel before it was cut along its length using a 

coronary artery scissors, pressed flat gently by hand, and sectioned. Longitudinal 

rectangular shaped strips of tissue were prepared for uniaxial testing and 5 mm square 

samples were prepared for biaxial testing. The thickness o f tissue adjacent to each 

sample was measured after mounting the specimen on a glass slide and by viewing the 

edge o f the sample under a microscope fitted with an eyepiece with a digital 

measuring graticule. The tissue thickness was recorded at three different locations 

along the edge of the sample and an average taken. The mean standard deviation of 

the three thickness measurements for each individual sample was 0.06 mm. Sections

3.2.2.1 and 3.2.2.2 below outline the details of the uniaxial and equibiaxial tensile 

testing of this tissue type. In both tests a strain rate o f 60% min'' was used. Specimens 

were continuously irrigated with 0.9% saline solution during testing and tests were 

carried out a room temperature.

3.2.2.1 Uniaxial testing

Pneumatic grips, the gripping faces of which were covered with emery paper to 

prevent slippage during loading, were mounted on a Zwick Z005 displacement 

controlled tensile testing machine. Nine samples from nine different pigs were tested. 

Each test section was cut to a width of 3.5 mm using a custom-made cutter 

comprising o f two scalpel blades 3.5 mm apart and loaded in the longitudinal 

direction. Extension of the specimen was taken to be the crosshead displacement. 

Preconditioning of the samples was carried out to a maximum load of 1 N at a strain 

rate o f 60% min'* of the initial gauge length, determined at a preload of 0.05 N. Five 

preconditioning cycles were performed and a steady state was reached where no 

further change occurred in the material stress-stretch curve after the five cycles. A 

strain rate of 60% min"' was used to test the sample to failure after the 

preconditioning cycles. The tests were stopped when tearing began at either the grips
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or along the length of the specimen. The stress was determined by dividing the 

instantaneous load by the original cross sectional area. The stretch was obtained by 

dividing the instantaneous length by the original length. The original length of each 

specimen was taken as the gauge length after test specimen preconditioning, and at a 

load o f 0.05 N.

3.1.2.2 Equibiaxial testing

The same equibiaxial test rig as that described in Section 3.2.1.2 was used to test the 

porcine coronary arterial tissue specimens. It was mounted on a Zwick ZOOS testing 

machine and the significantly smaller size o f the test specimens necessitated a number 

o f modifications to the test set-up. High strength thread was used for the cable 

network, as the loads were much lower than those applied in the equibiaxial tests on 

human femoral arterial tissue.

The loading bracket transferred the load from the line to the specimen via 

threads of equal length with fishing hooks attached. For small tissue specimens, these 

hooks proved superior to the crocodile grips used to grip the larger human femoral 

specimens in Section 3.2.1.2 above. Four fishing hooks were attached to each side of 

the square test specimen, as shown in Figure 3.3.

A specially designed gripping jig was used to ensure that the hooks were 

placed an even distance apart when gripping the small tissue specimens, see Figure 

3.4.

Figure 3.3 Close-up view o f a biaxial test specimen (a) illustrating the 

fishing hooks used to grip the tissue and (b) illustrating the strain 

measurement markers.
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(a)

(b)

4

(c)

(d) (e)

I
Figure 3.4 The biaxial test specimen gripping jig; (a) Individual gripping 

block illustrating: 1. Threads from loading bracket, 2. Hook placement and 

3. hook spacers, (b) Loading bracket and gripping block, (c) The four 

gripping blocks together, (d) Tissue platform, (e) Gripping jig  fitted over 

tissue platform to place hooks in tissue.

54



The gripping jig comprised of four identical gripping blocks. Four hooks, 

which were attached to a loading bracket via threads, were placed in each block and 

tightened into position using four stainless steel spacers an equal distance apart, see 

Figure 3.4(a) and Figure 3.4(b). The blocks were tightly screwed together such that all 

o f the hooks faced upwards. Figure 3.4(c). The square tissue specimen was then 

placed on a custom-made stainless steel platform, shown in Figure 3.4(d). The 

gripping jig was pushed down over the platform and the hook spacers released to 

allow the hooks to remain in the tissue, see Figure 3.4(e). The loading brackets, with 

the gripped tissue specimen, were initially placed at set marked positions on the base 

plate. This ensured that each pair of brackets was lined up to load the tissue in the 

circumferential and longitudinal directions only and the specimen was in the centre of 

the base plate. The load reading on the load cell was corrected to account for the load 

required to pull the pulleys (0.5 N).

Eight specimens taken from five different pigs, each 5 mm square, were cut 

from arteries using a custom-made cutter comprising of two scalpel blades 5 mm 

apart. Each sample was marked using vegetable dye to indicate its in vivo 

circumferential/longitudinal orientation. Arterial tissue has been identified as a 

curvilinear orthotropic material such that stresses in the circumferential, longitudinal 

and radial direction produce only normal strains [Weisacker and Pinto, 1988]. 

As a result these directions were taken as the principal directions and a no-shear 

condition was assumed in all other directions. For biaxial testing, dots were printed on 

the inner surface of the blood vessel using a pin and water resistant, oil-based, quick 

drying ink. A typical such sample is shown in Figure 3.3 (b). Preconditioning of the 

samples was carried out to a maximum total load of 0.5 N at a strain rate o f 60% min"' 

o f the initial gauge length. Five preconditioning cycles were performed, see Figure 

3.5. After preconditioning, the tissue was loaded to failure at a constant strain rate of 

60% min'' of the initial gauge length. Testing was stopped when the tissue began to 

tear at the fishing hooks. The test specimens were moistened throughout the test with 

0.9% saline solution.
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Figure 3.5 A typical preconditioning curve showing the reduction in the 

hysteresis loops during five preconditioning cycles.

As with the femoral arterial tissue test, a digital camera mounted above the test 

specimen was used to take an image of the tissue every second during the test. Each 

image was thresholded in Scion Image (Maryland, USA) and the vertical and 

horizontal distance between two pairs of central markers was determined for each 

image. The strain of the tissue in the principal directions was then determined from 

the increase in distance between the markers on the specimen, in both the vertical and 

horizontal directions, from picture to picture as the load increased. The engineering 

stress was calculated by dividing the load cell reading by two, to determine the load in 

each of the principal directions. This load value was then divided by the initial cross- 

sectional area of the specimen. Each cross sectional area was taken as the product of 

the gauge length in each principal direction and the thickness of the specimen. The 

gauge length was taken as the distance between the hooks in the direction orthogonal 

to the loading direction and an average value was found for the two principal 

directions using image analysis.

3.3 Mooney-Rivlin constitutive model

Since the objective o f this study is to provide a means to preclinically test 

intravascular stents, it is important to use a material model which includes the key 

features of arterial tissue including its stiffening non-linearity, incompressibility and 

the capability to undergo large deformations. As reviewed in Chapter 2, Section 2.5.2,
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much work has been done on developing complex constitutive models capable of 

describing arterial tissue. However, ease of implementation of the numerical model 

within various commercially available finite element codes is also a necessary feature 

of any preclinical test. The Mooney-Rivlin model, or a derivative of it, is a widely 

available hyperelastic material model and is included in most finite element analysis 

software codes. The hyperelastic constants, aij, in the strain energy density function, 

for a specific Mooney-Rivlin constitutive material model, are calculated by using a 

regression routine to obtain the best fit to experimental test data for a non-linear, 

incompressible elastic material such as arterial tissue.

The third order Mooney-Rivlin strain energy fiinction W given in the 

Literature Review (Eqn. 2.9) can be reduced to obtain the special case of the third 

order deformation hyperelastic model whereby the strain energy density function is 

given by:

-3)+<%,(/, +a,,(/, -H i, -3)+a,„(/, -3)= (3.1)

A non-linear regression routine to determine the parameters, â , of the third 

order deformation model is available in Marc/Mentat (MscSoftware, Santa Ana, CA, 

USA) so as to obtain the model that best fits both the uniaxial and equibiaxial data. 

The least squares error to be minimised during data fitting can be based on absolute or 

relative errors and are defined as follows [Marc/Mentat manuals]:

Relative error = ^
/

Absolute error = ^  [data measured(/) - data calculated(/)]^ (3.3)
/

To determine the hyperelastic constants, one uniaxial and one equibiaxial 

stress-stretch curve were input into Marc/Mentat and the constants of Eqn. 3.1 

established using the non-linear regression routine for both absolute and relative error 

to fit to the data. The constants, ay of Eqn. 3.1, that yielded the closest stress-stretch 

behaviour to that of the experimental data were determined. In some cases it may be

1 -

data measured(/) 
data calculated(Z)

(3.2)
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found that the predicted non-Hnear elasticity is unaffected by a particular hyperelastic 

constant and therefore that constant is redundant and may be set to zero.

However, it is important to ensure that the uniaxial and biaxial data fits 

produce curves which are positive definite as well as the best fit to the data. In many 

cases the curves are not positive definite on extrapolation beyond the experimental 

data in which case it may be necessary to constrain the hyperelastic constants to have 

only positive values [Truesdell, 1952]. Alternatively, a lower order model may be 

used to determine a constitutive model which best fits the data, if the higher order 

model is not suitable. A second order model, the Signiorini model, is also available in 

Marc/Mentat [James et a l ,  1972]. It is a reduced form of the third order deformation 

model whereby the strain energy density is given by:

(3-4)

The constants for this model were also established in cases where the third order 

model given in Eqn. 3.3 did not yield a constitutive equation which remained positive 

definite on extrapolation beyond the range of the experimental data.

3.4 Damage accumulation within coronary arterial tissue

S. 4.1 Experimental set-up and arterial tissue preparation

Porcine coronary arterial tissue was tested to ascertain damage accumulation under 

cyclic loading. Porcine coronary arteries are anatomically similar to that o f humans 

and, in fact, the porcine circulatory system is a more similar animal system to that of 

humans than any other animal [Swindle, 1992]. In addition, porcine coronary arterial 

tissue is easily obtained.

The porcine coronary arterial tissue was obtained from the abattoir and 

prepared in the same way as that described for the uniaxial tests in Section 3.2.2. 

However, for these tests the arterial tissue was punched into dog-bone shaped test 

specimens using a punch as shown in Figure 3.6.
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Figure 3.6 (a) The punch used to obtain arterial test specimens in a dog

bane shape, and (b) the shape and dimensions o f the arterial test 

specimens.

The reason for this particular shape, rather than rectangular shaped specimens, 

is to prevent premature failure of the sample occurring at the grips due to high stress 

concentrations. This is a common occurrence in soft tissues and was also found to 

occur during tensile and fatigue tests of tendons [Ker and Zioupos, 1997]. The dog- 

bone shaped specimens result in a more homogenous distribution o f stress across the 

sample and therefore usually result in failure of the sample in the central narrower 

region. In addition, the tabs at the ends of each specimen were gripped with clamps 

coated with emery paper to increase the maximum tensile force that could be obtained 

before slippage of the tissue specimens in the grips.

The remainder of the artery, after punching out the test specimen, was used to 

determine the thickness of the sample. The thickness o f tissue adjacent to each sample 

was measured after mounting the specimen on a glass slide and by viewing the edge 

of the sample under a microscope fitted with an eyepiece with a digital measuring 

graticule. The tissue thickness was recorded at three locations along the edge of the 

sample and an average taken. The mean standard deviation of the three thickness 

measurements for each individual sample was found to be 0.06 mm. The test 

specimen grips consisted of a top plate fixed to a bottom base plate, with the artery 

placed between them, see Figure 3.7.
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Figure 3.7 The two stainless steel grips with a specimen gripped, viewed 

from above.

The tensile and fatigue testing machine used for these tests was a MTS Tytron 

250, which has a pneumatic actuator and a 250 N load cell. Two bridges were 

attached to the load cell and the actuator and a grip attached to each to allow the test 

specimens to be immersed in a custom-built glass water tank, see Figure 3.8. The load 

cell was aligned with the actuator and the grips were placed horizontally at equal 

heights, as shown in Figure 3.8.

Test specimen 
gripping

Pneumatic
Actuator

Figure 3.8 The tensile and fatigue testing experimental set-up.
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The water bath was filled with 0.9% saline solution. The test specimen and 

clamps were immersed in the bath. Stainless steel was used for the clamps and bridges 

to prevent corrosion. The temperature o f the solution was maintained at 37°C, 

i.e. body temperature, by two heating pads placed on the sides of the water bath. To 

reduce the quantity of water in the tank it was partially filled with glass stones (these 

are visible in Figure 3.7) with the same heat conducting properties as the water tank.

3.4.2 Tensile tests to obtain the ultimate tensile strength o f  porcine

coronary arterial tissue

Using the test set-up outlined in the previous section tensile tests were carried out to 

determine the ultimate tensile strength (UTS) of the arterial tissue. In order to set the 

maximum and minimum loads in the fatigue tests, the UTS of the tissue was 

determined. Since coronary arterial tissue is a visco-elastic material the specimen had 

to be preconditioned before each tensile test. Five preconditioning cycles with a 

displacement o f 0 to 3 mm were performed; five were chosen because a steady state 

was reached where no further change occurred in the material stress-stretch curve. 

The Tytron testing machine cannot be changed from displacement control to force 

control until a minimum load of 0.3 N is reached. Therefore the preconditioning limits 

had to be set as displacement limits rather than force limits.

Before preconditioning, an initial preload of 0.03 N was applied to the tissue, 

to ensure the tissue was in tension. The initial length o f the test specimen was 

measured using a Vernier calipers. Twelve arterial specimens were tested. The tissue 

was tested at a constant strain rate chosen to be 60% min"’.

After preconditioning, the specimen was stretched to failure at 60% min'* 

strain rate. The stress level at which the specimen failed was recorded as the ultimate 

tensile strength (UTS) of the tissue. The water bath was not used for these tests as it 

was found not to influence the UTS of the tissue. Given the short duration of the 

tensile tests, the test specimens were easily kept moist by dropping 0.9% saline 

solution on the samples during the tests, which were carried out at room temperature.
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3.4.3 Fatigue tests to determine the rate o f damage accumulation within

porcine coronary arterial tissue

Fatigue tests of longitudinal segments of the porcine coronary arterial tissue were 

performed to determine the S-N curve of arterial tissue. The MTS Tytron with the 

experimental protocol described above was used. The test specimens were placed in 

the water bath filled with 0.9% saline solution, maintained at 37°C, for 15 minutes 

before starting the test and remained immersed in the bath during the tests. As in the 

tensile tests, the initial length of the specimen was measured at a preload value of 0.03 

N. The distance between the grips was determined using a microscope. The pneumatic 

actuator of the MTS Tytron requires tuning to adaptively compensate for the stiffness 

of the material being tested (See MTS Tyron 250 manual). It is therefore necessary to 

establish different tuning parameters for different materials, and the tuning value is 

input into the MTS test software. Tuning of the MTS Tytron was carried out for each 

individual specimen before the fatigue test on the specimen was done. The loading 

frequency was 1 Hz.

The fatigue tests were performed at three stress levels. The loading levels were 

percentages of the UTS, which was determined based on the results of the tensile tests 

described in section 3.4.2 above. The loading levels were 10%-20%, 10%-30% and 

10%-40% of the UTS. Nine test specimens were tested at each of these load levels.

The tests were run until the test specimen failed by tearing or until the 

machine started to oscillate. The actuator of the fatigue testing machine mainly 

oscillated during tests that ran for many hours. During these tests the stiffness of the 

arterial tissue alters, presumably due to the accumulation of damage. The 

consequence of this change in stiffness of the arterial tissue is that the tuning values of 

the specimen become less accurate resulting in oscillations of the machine and hence 

failure of the sample. These samples are included in the data set, since the material 

stiffness altered sufficiently for the machine to oscillate and hence the tissue stiffness 

had reduced sufficiently that it can be assumed to have failed.

At any stage in the fatigue test, a stiffness ratio, Sx, which has been previously 

defined for tendons by Ker and Zioupos [1997], can be defined as:

(3.5)
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where so and Eq are the initial values o f stiffness and Young’s modulus, respectively 

and s and E  are the instantaneous values of stiffness and Young’s modulus, 

respectively. Ker and Zioupos [1997] further defined the following:

Z) = ( l - 5 j  (3.6)

where D  denotes the fractional reduction in stiffness and may therefore be considered 

a measure o f damage.

However, following Miner’s rule [Miner, 1945] the number of cycles to failure 

at different stress levels also indicates damage is accumulating within the tissue and 

ultimately causing failure. In fact, the S-N (stress versus number of cycles to failure) 

curve for the arterial tissue may also be used to get a measure of the rate o f damage 

accumulation within the coronary arterial tissue under cyclic loading.

In conclusion, the results of these tests will show whether or not arterial tissue 

accumulates damage under cyclic loading. In addition, the number o f cycles applied 

to the tissue before failure of each specimen, at each loading stress amplitude, enables 

an S-N curve for porcine coronary arterial tissue to be obtained, and the S-N curve 

can be used to compute the rate of damage accumulation within the tissue under 

cyclic loading at different stress levels.

3.5 Finite element models of stenting procedures

3.5.1 Introduction

This section describes the finite element modelling approach used to compute the 

stress in a stented vessel, and hence to investigate the degree o f injury caused to a 

vessel by a stent. Models of repeatable units of different stent designs were developed 

which enabled the magnitude o f tissue prolapse within four different stent designs to 

be quantified and an estimation o f the stresses around the stent units to be determined.

Full three-dimensional models, which incorporated contact between the stent 

and the artery were then developed to assess more realistically the stress levels 

induced within stenosed coronary arteries scaffolded open by three different stent 

designs.
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To generate these numerical simulations the finite element method requires a 

number o f inputs; the geometry and material properties of the stent and blood vessel, 

and appropriate loading conditions to simulate the stenting procedure, all of which are 

described in detail below.

3.5.2 An investigation o f  the degree o f  tissue prolapse within different

“repeating unit” designs

To establish the magnitude of tissue prolapse within different stent designs, the 

geometry of one repeating unit of the fully expanded stents was determined. The finite 

element model geometry is of the area of arterial tissue scaffolded by each stent 

repeating unit. The stent measurements were obtained by taking pictures o f the fully 

expanded stent under a LEICA MZAPO microscope using a JVC digital Vi inch 

colour CCD camera and LEICA QWIN standard software. A line of known length 

was incorporated into each image. The line length was determined from a calibration 

plate used with the microscope. The images were imported into WINDIG where 

coordinates to define the cell area of each stent were obtained by defining points on 

the stent wire. The coordinate values were then imported into ANSYS Version 5.5 

(Canonsburg, PA, USA) and projected onto a 3.5 mm diameter cylinder to define the 

geometry of one repeating unit of each stent design. Four stent designs were analysed: 

(BeStent 2, Medtronic AVE; NIR, Boston Scientific', VELOCITY, Cordis; and the 

TETRA, Guidant), see Figure 3.9.

Three-dimensional finite element models o f arterial tissue within four different 

stent designs were generated numerically using ANSYS. The area defining the tissue 

within one unit of each stent design was extruded in the outward normal direction. 

The element used was a 3D 8-noded isoparametric element (HYPER58, a mixed U-P 

hyperelastic solid element). Eight elements were employed through the thickness o f 

the vessel wall. This choice was made based in the results o f a mesh convergence 

study (see Appendix C). The thickness of the arterial tissue in the numerical studies 

was taken as 0.5 mm, based on the average thickness of the human coronary artery 

wall [Burton, 1962]. Fig. 3.9 shows the finite element mesh of each of the four 

repeating units.
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1 mm

BeStent 2

NIR

VELOCITY

TETRA

Figure 3.9 Four types o f stent analysed; (BeStent 2, Medtronic A VE; NIR, 

Boston Scientific; VELOCITY, Cordis, and TETRA Stent, Guidant). The 

arrow indicates the direction and the start point from which the distance 

around the periphery o f the stent is taken for reporting the stress (Given in 

the Results Chapter (Section 4.4.1), Figure 4.18, pagelOS)
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The mesh densities used were the following; BeStent 2: 12104 elements 

(14733 nodes); NIR: 8096 elements (10017 nodes); VELOCITY: 8112 elements 

(10080 nodes); TETRA: 23520 elements (28224 nodes).

The models were restrained around the edges of the stent repeating unit to 

represent the constraint of the stent wire. Such a restraint was considered to be 

adequate since the stent wire thickness (approximately 0.1 mm) is much less than the 

thickness o f the tissue (0.5 mm). To simulate the in vivo deformation of the vessel 

wall around the stent wires (see Figure 3.10), consider that, in the ideal case, a 

cylindrical vessel [c.f. Figure 3.10 (b)] is deformed by the radial motion of the stent 

wires into a shape represented schematically in Figure 3.10 (c). The expanded vessel 

with a surface pressure applied to it will have a similar deformation to that illustrated 

in Figure 3.10 (c).

According to Serruys and Kutryk [1999], a maximum pressure a stent is 

expected to sustain in vivo is 450 mmHg (-60 kPa) and this value was applied to the 

outer vessel wall in the finite element model. The vessel wall was modelled using the 

Mooney-Rivlin hyperelastic constitutive equation established based on the uniaxial 

and equibiaxial tensile properties of human femoral arterial tissue. The constants for 

this Mooney-Rivlin hyperelastic constitutive equation are given in the Results Chapter 

(Section 4.2.3).

(a) (b) (c)

Figure 3.10 (a) Luminal tissue prolapse within a stented vessel (indicated by 

black lines), taken from  Schwartz et al.[1994], (b) A 2D schematic o f  a stented vessel 

before stenting with the vessel wall ideally cylindrical and (c) After stenting where the 

tissue drapes between the stent wires.
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3.5.3 Full three-dimensional models o f  stenting procedures

For the full three-dimensional models the finite element software used was MSC 

Marc/Mentat (Santa Ana, CA, USA). Although ANSYS was found to be adequate for 

the analyses described in Section 3.5.2 above, it was found not to be suitable for 

solving analyses that combined the use of a hyperelastic material and contact.

In the three-dimensional models the stent geometry had to be defined since the 

models include both the vessel and the stent and simulate the stenting procedure by 

modelling the contact between the two. The 3D geometry of the repeatable units of 

the fully expanded 3.5 mm diameter NIR and S7 stents was determined using the 

coordinate measurement technique outlined in Section 3.5.2. The thickness of the 

struts was 0.1 mm. Using the repeating unit geometry of each stent design solid 

models of the fiill stents were generated. A hypothesised ‘simple’ stent design was 

also developed and used to compare to the two commercially available stent designs.

The solid models initially generated o f all three stents were o f the stents in a 

planar state, i.e. the geometry of the stents if they were cut longitudinally and 

flattened out. The stent solid models was then meshed and wrapped into a cylindrical 

shape by transferring the nodal coordinates from a Cartesian coordinate system into a 

cylindrical coordinate system. In this way, finite element meshes were generated for 

each stent design as shown in Figure 3.11. The two commercially available stent 

designs differed greatly; the NIR is a slotted tube laser-cut stent with 7 crowns whilst 

the S7 is a modular stent with a circular cross-section, 10 crowns and welded joints. 

The ‘simple’ stent design is a slotted tube laser-cut stent with 5 crowns. ‘Crown’ is 

the term used by medical device companies to describe the number of 

circumferentially repeating units in a stent. All three stents had an outer diameter of 

3.5 mm and an inner diameter o f 3.3 mm (i.e. a wire thickness of 0.1 mm).

The stent material was modelled as isotropic linear elastic 316L stainless steel, 

with E = 200 GPa, v = 0.3. The element type used for the stents was a reduced 

integration, three-dimensional eight-node isoparametric arbitrary hexahedral element 

(Type 117 in Marc/Mentat).

The healthy vessel wall material in the models was modelled using the 

Mooney-Rivlin hyperelastic constitutive equation for human femoral arterial tissue 

whilst the hyperelastic constitutive model used to represent the plaque tissue of the 

vessel wall, representing the stenosis, was determined by fitting to published data for
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(C)

Figure 3.11 Finite element meshes o f  the expanded stents; (a) NIR,

(b) S7 and (c) the ‘simple ’ stent design used fo r  comparison purposes.

human calcified plaques published by Loree et al. [1994]. The constants for 

both Mooney-Rivlin hyperelastic constitutive equations are given in the

Results Chapter (Section 4.2.3). The vessel wall was represented by three

different geometries for the stenting procedures simulated.

(1) The vessel was represented as a perfect cylinder with an inside diameter o f 3

mm. The vessel thickness was taken as 0.5 mm, based on the average

thickness of the human coronary artery wall [Burton, 1962], see Figure 

3.12(a). Three elements were assigned through the thickness o f the vessel 

wall, 91 along the length (6.5 mm) and 140 elements around the 

circumference of the cylinder.
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Figure 3.12 Cylindrical coronary vessel geometries; Artery outer radius,

Ro =2 mm, Non-stenosed artery inner radius, R\ =1.5 mm. Stenosis inner 

radius, Rf=l  mm. (One quarter o f the vessel is cut away for visualisation)

(2) The vessel geometry was represented by a perfectly cylindrical stenotic 

vessel, whereby the inner lumen diameter was 2 mm whilst the inner 

diameter of the healthy vessel was 3 mm and the outer diameter of the 

stenosed vessel was 4 mm, see Figure 3.12(b). The same mesh density was 

used for the circumference and vessel length as for the cylinder geometry 

described in (1) above with 6 elements assigned through the vessel 

thickness.

(3) The final vessel geometry was that of an atherosclerotic coronary artery with 

a localised stenosis. This was represented by a cylinder with an outside 

diameter o f 4 mm and had a localised crescent-shaped axisymmetric stenosis 

with minimum lumen diameter of 2 mm, see Figure 3.13. The mesh density 

used for the cylinder was the same as that used in (1) above. 300 elements 

were used to represent the area o f the crescent shaped atherosclerotic plaque 

which protruded into the vessel lumen whilst 140 elements were again used 

in the circumference.
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Figure 3.13 Atherosclerotic coronary vessel geometry; Artery outer radius,

Rq =2 mm, Non-stenosed artery inner radius, Ri =1.5 mm, Stenosis inner 

radius, Rp=] mm, Stent radius, Rs = 1.75 mm. (One quarter o f the vessel is 

cut away for visualisation)

The element type used for the arterial tissue and atherosclerotic plaque was a 

full integration, three-dimensional eight-node isoparametric arbitrary hexahedral 

element (Type 7 in Marc/Mentat). Use of this element type to model large 

deformation hyperelastic materials necessitates the use of the updated Lagrangian 

framework in Marc/Mentat to solve for true (Cauchy) stresses and logarithmic strains 

in the updated configuration. To activate this method a combination of the following 

parameters is required: LARGE DISP, UPDATE, FINITE and CONSTANT 

DILATATION, which enforces the incompressibility condition necessary for a 

Mooney-Rivlin material.

For all three vessel geometries the loading and restraint conditions were 

applied to the stent-artery construct in two steps. It involved use of the feature that 

exists in Marc/Mentat (and many other finite element codes as well) that allows 

elements to be activated and deactivated during an analysis (called ‘element birth and 

death’). In the first step, the stent elements were deactivated and the vessel was 

expanded to a diameter greater than that o f the expanded stent by applying a sufficient 

internal pressure to the vessel. In the second step, the elements o f the stent were 

activated and the pressure on the irmer lumen of the artery was gradually reduced to a 

value of 13.3 kPa, corresponding to mean blood pressure of 100 mmHg. Due to the
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elastic nature of the hyperelastic arterial tissue the vessel contracted around the stent 

with the stent behaving as a scaffold within the vessel.

Frictionless contact between the stent and the artery was assumed. The contact 

algorithm implemented in Marc/Mentat was the direct constraint method. In this 

procedure, the motion of the bodies are tracked, and when contact occurs, direct 

constraints are placed on the motion using boundary conditions -  both kinematic 

constraints on transformed degrees of freedom and nodal forces. Deformable- 

deformable contact was used to describe the contact between the two contact bodies, 

i.e. the stent and the artery. Both contact bodies were mathematically defined as 

analytical (NURB) surfaces. This leads to a more accurate solution than using the 

individual element faces because the normal to the contact surface is recalculated each 

iteration based upon the current surface position.

A longitudinal stretch of 1.2 was applied to the arteries to simulate the 

longitudinal tethering observed on coronary arteries in vivo [Ogden and Schulze- 

Bauer, 2000; Weizsacker et a i, 1983]. The importance of applying longitudinal 

tethering on the vessel to model more accurately the material properties of the arterial 

tissue is discussed in detail in Appendix A. Analyses were solved of the stented 

cylindrical vessels both with and without tethering and the stresses generated within 

the vessel in each case obtained (see Results section. Figure 4.20, pg. 106). This 

demonstrated the effect of applying longitudinal tethering on the stresses induced in 

the artery wall.

Axial restraints were applied to one end of the vessel. During the analysis the 

stent was restrained at one node in the circumferential direction to prevent rigid body 

rotations. Because of cyclic symmetry it was not necessary to model the entire stented 

vessel but rather only segments of the stented artery had to be modelled. Using the 

cyclic symmetry capability in Marc/Mentat, the nodes on the two cyclically 

symmetrical faces were coupled or tied [Marc manual. Volume A: Theory and User 

Information, page 9-32]. This allows out of plane motion (unlike planar symmetry 

constraints) and was therefore valid for representing a cyclically repeating segment of 

the stented vessel (See Appendix D for a comparison of analyses using a complete 

model, a model using cyclic symmetry and one using planar symmetry constraints).

The NIR stent was represented by a cyclically repeating one-seventh segment 

whilst the S7 could only be represented by half cyclic symmetry due to the position of 

the welds on the stent. A cyclically repeating one-fifth segment represented the simple
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stent design. The one-seventh segment of the NIR stent was adequately represented 

by 125 elements and 470 nodes. For the half model of the S7, 5040 elements and 9021 

nodes were necessary to model the circular cross-section of the stent whilst only 62 

elements and 252 nodes were necessary to represent the one-fifth segment of the 

simple stent design. The mesh densities given earlier for the vessel geometries 

describe the number of elements in the circumference for a full cylinder. Only cyclic 

segments of the stents were used and, as a result, a corresponding segment of the 

cylinder had to be used to represent the vessel wall. The element number in the 

circumference of the vessel meshes therefore reduced accordingly to one-seventh, 

one-half or one-fifth o f the full cylinder mesh density for the NIR, S7 and simple stent 

designs, respectively.

The adaptive meshing capability within Marc/Mentat was used in all of the 

models for the arterial tissue to allow the mesh to adapt and refine at contact areas. 

This enabled the elements in the region of highest stress gradients to subdivide and 

the finer mesh allowed for more accurate stress and strain evaluation in these critical 

regions. The mesh adaptivity criterion was chosen based on obtaining a mesh 

refinement to adequately estimate the areas of high stress gradients around the stent 

struts, as well as maintaining the element number low in areas where the stress 

gradients were low and thus limiting the time to run the models.

3.6 Development of a computational model of in-stent restenosis

It has been argued in Chapter 2 that in-stent restenosis develops in response to injury, 

or damage, in arterial tissue. Therefore, the computational restenosis model is based 

on the hypothesis that this injury stimulates new material to be laid dowoi within the 

artery. The development o f damage within the stented vessel is a function o f the 

stresses induced within the vessel wall. This can be calculated fi*om a contact analysis 

simulating the stenting procedure as described above. Following methods used in 

mechanobiology (van der Meulen and Huiskes, 2002), an algorithm to simulate in

stent restenosis can be developed as an iterative process simulating, each day, the total 

distribution of new tissue formed, see Figure 3.14.
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Figure 3.14 The iterative process regulating in-stent restenosis; the stresses 

within the artery wall determine the level o f damage in the tissue, and hence 

the degree o f in-stent restenosis formed within the stented vessel.
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3.6.1 Restenosis algorithm - M athematical description

A measure of damage within porcine coronary arterial tissue was determined using 

the data from the fatigue tests described in Section 3.4. The fatigue tests were used to 

determine the rate of damage accumulation within the arterial tissue of the stented

where is the number of cycles to failure from the fatigue tests and cr is the stress

level at which damage is calculated.

The effect of the stress measure on the simulated restenosis was investigated 

by calculating a damage stimulus due to;

(i) the maximum principal stress magnitudes,

(ii) the minimum principal stress magnitudes,

(iii) both the maximum and minimum principal stress magnitudes

The maximum and minimum principle stresses were chosen as the damage inducing 

stimuli since they correspond to the maximum tensile and compressive stresses 

induced within the artery and, hence, they represent the circumferential and radial 

stresses, respectively. It is the elevation of these stresses beyond the baseline 

circumferential and radial stresses that are deemed to induce damage within the artery 

which then acts as the stimulus for restenosis.

Eqn. 3.8 assumes a linear relationship between damage accumulation and the number 

of cycles to failure (Miner’s Law [Miner, 1945]) and has been used previously for 

bone adaptation studies [Prendergast and Taylor, 1994],

Let R be the repair rate, which may be considered to be the damage 

generation rate under physiological loading [Prendergast and Taylor, 1994]. 

Therefore,

vessel, D , where from the S-N curve:

(3.7)

/
(3.8)

separately and then summing the damage.
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^  (3.9)

where = — ---------   (3.10)
J  physiol  /

The accumulated damage, AD, will be the stimulus for in-stent restenosis. The 

accumulated damage is given by

^ D = ^ { D - R ) d t .  (3.11)

However, since the stress in the tissue surrounding a stent is an order of magnitude 

greater than the physiological stress {c.f. Chapter 4) we may write

D » R ,  (3.12)

and Eqn. 3.11 may be reduced to
t

A D = | M ,  (3.13)
^0

It is acknowledged that integration here would increase the error introduced by

ignoring the repair rate, R . However, R  would be very low at physiological stresses 

compared with the elevated stresses observed in stented vessels.

Eqn. 3.13 may now be put in numerical form as

= (3.14)
1=0

but, since we may assume that the tissue is undamaged initially (i.e. at  ̂ ), then

D  = ^ D , M  (3.15)
1=0

It is assumed that the damage, D,  stimulates cell proliferation. It is the 

proliferation of cells that creates the new volume of material observed as in-stent 

restenosis. The migration of the cells may be modelled using the diffusion equation 

[Murray, 1989]. If the number of cells in a region (e.g. a finite element) that is filling
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with stenosis is denoted n, then the increase in the number of cells in that region is 

given by

f l  A7
—  ^KV^n + P{D) -  K{D)  (3.16)
dt

'y
where k is the diffusion coefficient of cells in arterial tissue, V is the Laplace 

operator, P{D) denotes the proliferation rate as a function of damage and K(D) 

denotes the apoptosis/death rate of cells ~ in this case K(D) = 0. If a linear association 

between the damage and proliferation is assumed, then

P(D) = cD (3.17)

where c is an empirical constant which relates the cell proliferation rate to the 

accumulated damage. Since c may vary between individuals, a number of different 

values were used in the restenosis model.

3.6.2 Restenosis algorithm — Implementation in fin ite  element models

The diffusion coefficient, k, in Eqn. 3.16 was calculated from the parameters 

published for human coronary in-stent restenosis in Hoffman et al. [2002]. Hoffman 

et al. [1999] obtained measurements at follow-up of the neointimal thickness in 

human coronary arteries stented with different stent designs, see Table 3.1. Given the 

area of the neointima and the number of days of neointimal growth, the diffusion 

coefficient for the cell migration was determined from the neointimal growth 

generated per day (per iteration in the model), i.e. the average neointimal growth was 

calculated to be 0.016 mm /day (Table 3.1). Therefore, the diffusion coefficient, k, in 

the finite element models was set to 0.016 mm /day.

The constant, c, in Eqn. 3.17, was determined for each analysis such that the 

restenosis process was time limiting. This constant was uniquely determined for each 

of the three different measures of stimuli within the artery used to calculate the 

damage stimulus, i.e. it was different for (i) the maximum principal stress, (ii) the 

minimum principal stress, and (iii) combined maximum and minimum principal 

stress. However, the same value of c was used for the three different stent designs.
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Stent Inflow

SS

Inflow

Au

Multi

link

Palmaz

-Schatz

NIR

SS

NIR

Au

Mean follow-up 6.0 6.0 5.7 6.4 6.1 6.1

(months)

Mean IH CSA (mm^) 3.1 3.7 1.8 2.6 2.9 3.4

IH Growth (mm^/day) 0.0172 0.0206 0.0105 0.0135 0.0158 0.0186

Mean IH growth (mm^/day) 0.016

Table 3.1 Neointimal growth following stenting. SS =Stainless steel; Au=Gold 

[Hoffmann et a l, 2002],

To model the ingrowth of tissue into the lumen of the vessel in the finite 

element model, a finite element mesh of ‘deactivated’ elements was created inside the 

vessel with elements that could be activated as restenosis progressed, see Figure 3.15. 

The deactivated grid within the lumen of the vessel defined the extent of the potential 

neointimal growth material. The material was initially deactivated in the model by 

setting the material stiffness low enough that it did not contribute to the structural 

behaviour of the vessel, E = 0.05 MPa. Elements o f this restenotic tissue were 

activated if  the number of cells within the element reached a critical value. This value 

was obtained by averaging the calculated cell densities, which have been reported for 

human restenotic specimens at several time points after balloon angioplasty [Schwartz
-3 -y

et al., 1996]. The average cell density value was found to be 1.93 x 10 cells/mm . It 

was assumed that cell density is uniform in all directions and therefore the cell density 

in the three-dimensional models was taken to be the square root of 1.93 x 10^
2 3 3cells/mm cubed giving a critical value o f cell number n o f n =  84.79 x 10 cells/mm . 

Activation was achieved by raising the Young’s modulus to 1 MPa. This value was 

chosen to represent the stiffness of arterial tissue under low loads, as obtained from 

the uniaxial tensile tests on human femoral and porcine coronary tissue (see Results 

section. Figures 4.4-5, pg. 88)

A thrombotic layer (see Figure 3.15), which is a thin layer (0.1 mm thick) of 

tissue covering the inner lumen of the artery, was assigned as an active material 

immediately after stent placement to simulate the acute thrombotic response of a 

vessel to the presence of the stent [Edelman and Rogers, 1998],



‘Simple’ stent

Figure 3.15 (a) Segments o f the stented vessels illustrating the thrombotic 

elements (pink) in (b) and the potentially restenotic tissue growth within the 

artery lumen surrounding the stent (white) in (c). (Pre-stented artery inner 

radius, R\ =1.5 mm, Artery outer radius, Rq=2 mm; Axial stretch applied to 

the artery, A^=1.2)
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3.6.3 Details o f  implementation in Marc/Mentat

The analyses were performed in Marc/Mentat (MscSoftware, Santa Ana, CA, 

USA) using the coupled thermal-mechanical job specification. This allows the cell 

diffusion, represented by temperature in the thermal analysis, to be coupled with the 

stress analysis of the stenting procedure. A separate routine was written to allow cell 

generation (modelled as a cell source) and diffusion to be damage dependant. 

Following the algorithm laid out in Figure 3.14, the finite element analysis was solved 

initially to determine the maximum and minimum principal stresses induced within 

the artery wall. The damage was then calculated using the S-N  curve established from 

the fatigue data at that stress level, cells were generated according to Eqn. 3.17 and 

migrated and proliferated from areas of damage according to Eqn. 3.16. If the cell 

number within any of the deactivated elements reached the critical value o f « = 84.79 

X 10  cells the element was activated. Once elements were activated there was then 

new material in the model and the stress distribution was altered. Therefore an 

iteration process is required, as shown in Figure 3.14.

The tissue in the thin thrombotic layer and the arterial tissue were the only 

sites of new cell generation in the first week of the time-course o f the in-stent 

restenosis simulation. For the remaining time of the restenosis process in the 

simulation, i.e. 93 days, only cells in the thrombotic layer and the activated restenotic 

material within the lumen o f the vessel were allowed to divide and proliferate. This 

was to simulate the migration of smooth muscle cells from the arterial wall into the 

lumen of the vessel, whereupon these cells proliferate and diffuse out further from 

areas of damage, as has been noted in studies o f the in-stent restenosis mechanism 

[Edelman and Rogers, 1998]. Cells could migrate by diffusion through all o f the 

materials at any time during the simulation. Cell concentrations in all of the materials 

were set to zero at the begirming o f the simulation.

The restenosis algorithm applied a luminal pressure o f 100 mm/Hg to the irmer 

surface of the lumen, which would be the surface of the newly formed restenotic 

tissue if it had formed. This simulates the blood pressure. To apply this luminal 

pressure on the continually-changing inner surface of the active material, the user 

subroutine FORCEM was used. This subroutine looped through all element faces to 

determine the active elements and then applied the pressure to the irmer surface of the 

active elements. To ensure that the pressure was not superimposed on the pressure
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applied in the previous increment of the analysis it was necessary to use the total 

Lagrangian framework as opposed to the updated Lagrangian framework used in the 

previously described stenting analyses (Section 3.5.3). The element type used for the 

arterial tissue in the restenotic models was therefore a fiill integration, three- 

dimensional nine-node isoparametric hexahedral element with mixed formulation 

(Type 84 in Marc/Mentat). It is an eight-node, isoparametric element with an 

additional ninth node for the pressure. Use of this element type to model large 

deformation hyperelastic materials with the total Lagrangian framework in 

Marc/Mentat outputs second Piola-Kirchhoff stress and Green-Lagrange strain. 

Although the total Lagrange method is based on the initial element geometry, the 

incremental stiffness matrices are formed to account for previously developed stress 

and changes in geometry and when used with the FOLLOW FOR parameter, which 

ensures all distributed loads are on the basis of the current geometry, it yields the 

same results as the updated Lagrangian framework.

As with the FE stenting procedure outlined in Section 3.5, it was possible to 

represent the restenosis model of the NIR stent by a cyclically repeating one-seventh 

segment whilst the ‘simple’ stent design was represented by one-fifth segment. Due to 

the high mesh density required for the restenosis model of the S7 stent design, a 

cyclically repeating one-tenth segment, as opposed to half of the stenting procedure, 

was used to represent it. The circular cross section of the S7 stent required a higher 

mesh density and hence a high mesh density was required for the restenotic material, 

since the meshes of the two structures had to be compatible, see Figure 3.15. The 

mesh densities used for the simulations of restenosis are summarised in the following 

table:

Material NIR S7 Simple stent

Stent 136 elements 

492 nodes

1152 elements 

5932 nodes

62 elements 

252 nodes

Restenotic tissue 

within each vessel

13746 elements 

21488 nodes

45008 elements 

53948 nodes

35078 elements 

40248 nodes

Table 3.2 Mesh densities o f the stent and restenotic tissue in the in-stent 

restenosis simulations.

80



The cylindrical artery was represented by 3 elements (0.5 mm) in the thickness 

and 91 in the length (6.5 mm). In the circumference of the cylindrical vessel, the 

element numbers used were 20, 14 and 28 to represent the one-seventh, one-tenth and 

one-fifth segments of the NIR, S7 and ‘simple’ stent designs, respectively.

The stent, and the restenotic material surrounding the stent, formed one 

contact body, whilst the artery formed the other contact body in the contact analysis. 

‘Glued’ contact was used between the two deformable contact bodies. Cell movement 

was enabled across the interface of the two contacting bodies to simulate the 

migration of cells from the artery into the restenotic material. This was achieved by 

assigning a heat film on the outer contacting surface of each contact body. In fact, for 

a coupled thermal-stress analysis heat fluxes are automatically created on all the 

boundaries of the deformable-bodies and two film coefficients are assigned to each 

contact body. One corresponds to free convection and is used whenever the boundary 

is free. The other is a contact film, and is used whenever the boundary is in contact 

with another body. In these cases, the heat flux, q, across the interface is given by:

q = H D (T D -T )  (3.18)

where T  is the surface temperature, HD is the film coefficient between the two 

surfaces and TD is the temperature of the same contact location, as obtained from 

interpolation of nodal temperatures of the body being contacted (Marc/Mentat user 

manuals; Volume A). A film coefficient of 200 W/mm K was assigned to describe 

the heat flux between the two contact bodies and on the outer surface o f the artery. 

This value was chosen to ensure that the cells generated at the site of arterial damage 

migrated into the lumen of the vessel. The number of cells (actually temperature in 

the finite element model) on the two surfaces in contact was the same and did not alter 

if  HD was increased to greater than 200 W/mm^ K. Using a lower value, however, 

would have meant that the cell number on the artery contact surface would have been 

higher than the contacting surface of the stent/restenosis contact body. Assigning the 

film coefficient on the outer surface of the artery at the adventitia enabled the cells to 

diffuse out in every direction and not to be stored in the artery. If the cells were not 

able to diffuse out at the free outer boundary of the artery a high concentration of cells 

would have been stored in the artery and would have had the ability to migrate into 

the intima long after the proliferation within the artery wall had ceased.
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As regards material properties, the arterial tissue in the restenotic models was 

defined using the hyperelastic constitutive equation established for porcine coronary 

arterial tissue since the fatigue tests to measure damage accumulation were conducted 

on porcine coronary arterial tissue.

3.7 Summary

This chapter has detailed the methods used to investigate the performance of 

cardiovascular stents. Finite element modelling is to be used to simulate stenting 

procedures. The models include the important property that the vessel wall is non- 

linearly elastic. When this thesis began (2000) there was no satisfactory constitutive 

model o f the non-linear elasticity o f coronary arterial tissue presented in the literature; 

therefore, it was found necessary to conduct experiments, and the methodology for 

these experiments has been given in detail in this chapter. This experimental data will 

be used to construct a Mooney-Rivlin constitutive model in the next chapter. Most 

importantly in the context of this thesis, to investigate if stents can be designed to 

prevent in-stent restenosis, is the ‘restenosis algorithm’ which is presented in Section 

3.6 o f this chapter. This algorithm will be used in the following chapter to show that 

in-stent restenosis can be predicted in preclinical tests.
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4.1 Introduction

This chapter begins with a description of the results from the uniaxial and equibiaxial 

tensile tests on human femoral arterial tissue and porcine coronary arterial tissue. 

From this data, hyperelastic models of these two tissue types are defined. The results 

obtained from the fatigue tests on porcine coronary arterial tissue are given.

Finite element models o f stenting procedures, using the hyperelastic constitutive 

equation established from the experimental tests on human femoral arterial tissue, are 

then shown. As an initial approach to understanding the problem, the simplified finite 

element models of one repeating unit of four different stent designs are compared by 

computing the degree of tissue prolapse and the stresses surrounding the stent units. 

Next, the stresses induced within the vessel wall for the full 3D finite element 

analyses of stenting procedures for three different stent designs are presented.

Finally, using the fatigue test data and the hyperelastic model for porcine 

coronary tissue, in conjunction with the full 3D finite element models o f the artery 

stented with the three different stenting procedures, in-stent restenosis is simulated 

within the stented vessels.

4.2 Experimental testing and constitutive models

To define Mooney-Rivlin models to represent both the human femoral and porcine 

coronary arterial tissue types, it was necessary to establish just one biaxial stress- 

stretch curve to define the equibiaxial properties of the arterial tissue. This is due to 

the fact that the Mooney-Rivlin model assumes the material to be isotropic; therefore 

an average stress-stretch curve was determined from the stress-stretch curves in both 

the circumferential and longitudinal directions in the equibiaxial tests.

4.2.1 Human femoral arterial tissue

The elastic behaviour of the femoral arterial tissue was found to be non-linear to high 

strains on both uniaxial and biaxial loading, see Figure 4.1. It is clear that variation 

occurs in the elastic behaviour of the various samples. Larger extension ratios are 

achieved in the uniaxial than the biaxial loading. In addition, the tissue is stiffer and 

less non-linear under biaxial loading.
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Figure 4.1 Uniaxial and biaxial stress-stretch data for the human femoral 

arterial tissue. Each curve is numbered for later discussion.

4.2.2 Porcine coronary arterial tissue

The uniaxial and biaxial elastic behaviour o f the porcine arterial tissue was also found 

to be noticeably non-linear to high strains, see Figure 4.2 and Figure 4.3. It is again 

noteworthy with the porcine tissue that significant variation occurs in the elastic 

behaviour of the various samples. The uniaxial tests carried out on dog-bone shaped 

porcine coronary specimens, to obtain the ultimate tensile strength of the tissue as 

described in Section 3.2.1, are included in Figure 4.2 in red. By comparison, it can be 

seen that there is no significant difference between the variability of the samples’ 

stress-stretch behaviour when tested as rectangular samples or as dog-bone shaped 

specimens. Larger extension ratios are achieved in the uniaxial specimens than the 

biaxial test specimens; compare Figure 4.2 and 4.3. Furthermore the tissue is stiffer 

and less non-linear under biaxial loading.
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Figure 4.2 Uniaxial stress-stretch data for the porcine coronary arterial 

tissue; rectangular test specimens are shown in black and dog-bone 

specimens in red.

Comparing the response o f the vessel in the circumferential and longitudinal 

directions illustrates the anisotropy of the porcine coronary arterial tissue, see Figure 

4.3. There is clearly a great deal o f variability in the uniaxial and equibiaxial tensile 

properties of the arterial tissue. The uniaxial data is most variable in the magnitude of 

the strain at which the toe region of the J-shaped non-linear curve occurs. The final 

slope of the curves can be seen to be very similar for all o f the uniaxial curves.
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Figure 4.3 The circumferential ( a ) , average (•) and longitudinal (a) 

stress-stretch data from the equibiaxial tests on the porcine coronary 

arterial tissue.
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4.2.3 Mooney-Rivlin constitutive models

Using the uniaxial and equibiaxial experimental data the constitutive models to 

describe each material were determined. Only one uniaxial and one averaged 

equibiaxial curve can be used to define each constitutive material model. The uniaxial 

and equibiaxial behaviour of the constitutive equation to define the material properties 

o f the human femoral arterial tissue are given in Figure 4.4. The uniaxial and 

equibiaxial curves chosen, to which the material model was fit, are marked with an 

asterisk, see Figure 4.4.

The uniaxial stress-stretch behaviour o f the constitutive equation, which 

defines the material properties o f the porcine coronary arterial tissue, is given in 

Figure 4.5. The uniaxial curve chosen, to which the constitutive material model was 

fit, is curve number seven and is marked with an asterisk, see Figure 4.5.
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Figure 4.4 Uniaxial and biaxial data for the human femoral arterial tissue 

with the fitted uniaxial and biaxial behaviour o f the constitutive model (red 

dashed lines), see Table 4.1.
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Figure 4.5 Uniaxial data for the porcine coronary arterial tissue with the 

fitted uniaxial behaviour o f the constitutive model (dashed line), 

see Table 4.1. The red lines are the stress-stretch curves obtained from the 

tests on dog-bone shaped tissue samples to obtain the UTS o f porcine 

coronary tissue and the black lines are those from the standard uniaxial 

tensile tests.

The equibiaxial behaviour o f the same constitutive equation is given in Figure 

4.6. The stress-stretch properties of each arterial tissue specimen in the longitudinal 

and circumferential directions were averaged and one average biaxial curve chosen, to 

which the material model was fit. The curve chosen is marked with an asterisk, see 

Figure 4.6. It can be seen that the constitutive model fits the chosen curves very well 

and represents the average properties of the uniaxial and equibiaxial data sets.
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Figure 4.6 Average biaxial data fo r the porcine coronary arterial tissue 

with the fitted  biaxial behaviour o f  the constitutive model (red dashed line), 

see Table 4.1.

A  hyperelastic constitutive equation to represent the stress-stretch behaviour of 

atherosclerotic plaque was also determined by fitting to available published data on 

calcified human atherosclerotic plaques [Loree et al., 1994]. The published data is 

limited to uniaxial stress-stretch data; therefore a constitutive equation was 

determined by fitting to only uniaxial data. However, the biaxial behaviour predicted 

by the constitutive equation was also assessed to ensure it was typical of arterial tissue 

and followed the trend observed in the experimental biaxial data obtained for human 

femoral and porcine coronary arterial tissue. The constitutive equation models the 

tissue as stiffer in equibiaxial tension than uniaxial tension, which is in accordance 

with the experimental data obtained for other two arterial tissue types, see Figure 4.7. 

The constants to define the Mooney-Rivlin strain energy density functions of the 

material models are given in Table 4.1, and all three models are shown together in

Figure 4.8.
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Figure 4.7 Human calcified plaque properties (data points), adapted from  

Loree et al. [1994], and the fitted uniaxial and biaxial behaviour o f the 

constitutive model (solid lines), see Table 4.1.

Human femoral Porcine coronary Stenotic plaque 

arterial tissue (kPa) arterial tissue (kPa) tissue (kPa)

aio 18.90 11.44 -495.96

aoi 2.75 21.30 506.61

220 85.72 601.25 1193.53

an 590.43 1205.26 3637.80

330 0 0 4737.25

Error 3.08 5.21 0

(relative) (absolute)

Table 4.1 Hyperelastic constants to describe the human femoral arterial 

tissue, the porcine coronary arterial tissue and stenotic plaque non-linear 

elastic behaviour. The parameters describe a Mooney-Rivlin model o f  the 

form given in Eqn. 3.1.
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Figure 4.8 The Moony-Rivlin constitutive models (Table 4.1) used to 

describe the human femoral arterial tissue (blue), the porcine coronary 

arterial tissue (grey) and stenotic plaque non-linear elastic behavior (red). 

The solid lines represent uniaxial behaviour and the dashed lines represent 

the biaxial behaviour o f the tissue.
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4.3 Damage accumulation within coronary arterial tissue

4.3.1 Tensile tests to obtain the ultimate tensile strength o f  porcine 

coronary arterial tissue

The elastic behaviour of all twelve specimens tested was found to be highly non-linear 

to high strains, see Figure 4.9. The stress-stretch data show a significant degree of 

variation; however the final slopes of the curves are all ver>' similar. The ultimate 

tensile stretch o f the tissue is seen to range between 1 MPa and 6.5 MPa. The average 

UTS of the tissue corresponds to 4 MPa and is represented by sample 5, which failed 

in the centre of the sample between the grips.

4.3.2 Fatigue tests to determine the rate o f  damage accumulation within 

porcine coronary arterial tissue

Twenty-seven fatigue tests were carried out in total. The data of one of the fatigue 

tests will be thoroughly discussed here. The test chosen was carried out from 10-30% 

of the UTS. The test results illustrated exhibit the key characteristics o f the all of the

7

No. of test specimens = 12

5

11 .12

1.0 1.1 1.2 1.3 1.4 1.5 1.6 1.7

Stretch

Figure 4.9 Uniaxial stress-stretch data for porcine coronary arterial 

issue to obtain the UTS o f the tissue.

93



fatigue tests carried out on the porcine coronary arterial tissue (Further results from 

these tests are available from Brands, 2003).

Figure 4.10 illustrates one complete fatigue test, including preconditioning. As 

observed in the uniaxial tensile tests it can be seen that, after approximately five 

cycles, the tissue is preconditioned since it reaches a steady state response, see Figure 

4.10. The preconditioning can clearly be seen in the first few cycles where the loading 

and unloading curves for each cycle are distinctly different from the previous cycles. 

Looking at these first few cycles, there is also a difference in the amplitude of the 

loading and unloading curve compared to the rest o f the curves. The force amplitude 

of the preconditioning cycles is lower than the amplitude of the successive curves.

After the initial preconditioning cycles, the successive loading and unloading 

curves are indistinguishable from one another. Although the loading and unloading 

curves almost overlap the displacement o f the sample is clearly increasing, illustrating 

that the arterial tissue is extending due to its viscoelasticity.
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 ̂ 0.8 

0.6 

0.4 
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0
0 0.5 1 1.5 2 2.5 3 3.5 4 4.5 5

Extension (mm)

Figure 4.10 The displacement versus applied force o f  a fatigue test on 

porcine coronary arterial tissue carried out at W-30% o f  the UTS.
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The mean extension of the arterial tissue specimen increases with increasing 

number of applied cycles, see Figure 4.11. To better understand what is actually 

occurring within the arterial tissue it is necessary to look at the displacement 

amplitude and the force amplitude during the test as the number o f cycles is increased, 

see Figure 4.12.

It is evident that creep is occurring in this viscoelastic material; however, 

damage is also accumulating within the tissue, which is evident by the fact that the 

displacement amplitude increases as the number o f cycles increases, whilst the force 

amplitude remains the same, see Figure 4.12. This indicates that the arterial tissue is 

lowering in stiffness with increasing number o f cycles, demonstrating damage 

accumulating within the tissue.

4.5

3.5  -

ss
2.5

0.5

200 400 600) 800  1000 

Number of cycles
1200 1400 1600 1800

Figure 4.11 The displacement versus number o f cycles for a fatigue test 

on porcine coronary arterial tissue carried out at 10-30% o f the UTS.
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Figure 4.12 The amplitude o f  the displacement and force o f  a fatigue test 

on porcine coronary arterial tissue carried out at 10-30% o f  the UTS.

Plotting the stiffness of the tissue at intervals throughout the fatigue test 

further illustrates the accumulation of damage within the arterial tissue, see Figure 

4.13. “Stiffness” is a structural property, denoting the tangent to the load-extension 

curve. Ker et al. [1997] used it to investigate damage accumulation within wallaby 

tendon tissue.

Finally, the mean stress level and the number o f cycles to failure recorded for 

each fatigue test was used to generate an S-N  curve for porcine coronary arterial 

tissue, see Figure 4.14. The three increasing stress levels correspond to the loading 

amplitudes of 10%-20%, 10%-30% and 10%-40% of the ultimate tensile strength, 

respectively. Assuming that arterial tissue will have an infinite life at zero stress an 

exponential curve can be fitted through the average value of Nf for each stress level, as 

shown in Figure 4.14.

Force Amplitude
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Figure 4.13 The arterial stiffness at intervals during a fatigue test carried 
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The equation of the exponential curve, shown in Figure 4.14, through the 

average value for the number of cycles to failure at each stress level is given by;

o- = l .52e -2 .93x10"^ (4.1)

For cr > 1.52 MPa, Ny  = 0 

For cr = 0, Ny- = oo

To relate this to damage recall Eqn. 3.8, ^  . The damage may be calculated as
^  f

a function of stress, cr, as follows:

• 2 .93x1 O'

N , In C7 -ln(1 .52)
(4.2)

For o- > 1.51 MPa, D  = 1 i.e. for cr > 1.51 MPa, = 1

This relationship between the rate of damage accumulation and the magnitude 

of the absolute value o f the maximum or minimum principal stresses generated within 

porcine arterial tissue may be represented by a non-linear curve, see Figure 4.15.
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Figure 4.15 The non-linear relationship between the rate o f  damage 

accumulation within porcine arterial tissue and the mean stress level 

within the tissue at which the tissue is cyclically loaded.
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4.4 Finite Element Models

4.4.1 Prolapse Study

The finite element analyses to assess the degree o f tissue prolapse (i.e. the maximum 

radial displacement of the tissue) within one repeating unit o f four different stent 

designs illustrated that the stent unit configuration has an effect on the scaffolding 

properties of the stent. These analyses were, in fact, carried out for both human 

femoral arterial properties and porcine aortic tissue properties [Prendergast et al., 

2003], However, the same ranking was found for the analyses using both tissue types. 

The results of the analyses found that the degree o f tissue prolapse was in increasing 

order, as follows: the least prolapse was in the BeStent 2 unit, next was the TETRA 

stent, then the NIROYAL, and the highest predicted prolapse was in the unit of the 

VELOCITY stent, see Figure. 4.16 and Figure 4.17.

s 0.25 
E

BeStent 2 TETRA NIR VELOCITY 

Stent Design

Figure 4.16 The maximum prolapse o f  the vascular tissue within the 

repeating unit o f  the four stents analysed using human femoral arterial 

properties.
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(d) TETRA
(c) VELOCITY

0 0.056 0.111 0.167 0.222 0.278 0.333 0.368 0.444 0.500 mm

Figure 4.17 Prolapse o f the four stents: Contour plot o f the radial 

displacements in the BeStent 2, Medtronic AVE; the NIR, Boston 

Scientific; the VELOCITY, Cordis; and the Tetra Stent, Guidant, for  

porcine aortic tissue properties.
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The prolapse data should be ‘normalised’ if  a proper comparison o f the four 

stent designs is to be achieved. A small repeating-unit will allow little draping but it 

may cause problems for the other design objectives for cardiovascular stents, e.g. a 

high stent-vessel contact area is likely to increase the risk o f thrombosis and 

endothelial denudation during deployment. In this respect, a repeating-unit is in some 

way superior if it can minimize prolapse despite having a large area. When the 

prolapse is normalised for the area o f the repeating unit, the TETRA stent and BeStent 

2 perform best (Table 4.2). A similar conclusion is reached if the predicted prolapse is 

normalised by the length of the periphery o f each stent repeating unit (Table 4.2).

Since it is the stresses within the vessel wall induced by the stent that are 

hypothesised to cause damage and subsequent intimal hyperplasia and restenosis, a 

measure of the stresses in the media layer directly above the stent are shown in Figure 

4.18. It can be seen that the highest stresses are provoked by the VELOCITY stent.

Design Maximum

prolapse

(mm)

Expanded 

area of 

repeating 

unit 

(mm^)

Maximum 

prolapse per 

unit area 

(mm/mm^)

Length of 

periphery of 

expanded 

repeating unit 

(mm)

Maximum 

prolapse 

per unit 

length 

(mm/mm)

BeStent 2 0.253 2.34 1.08 X 10 ' 8.24 0.031

TETRA 0219 4.35 0.64 X 10'' 12.60 0.022

NIR 0.348 2.12 1.64 X 10-' 6.52 0.053

Velocity 0.480 3.71 1.29 X lO’* 10.5 0.046

Table 4.2 Maximum prolapse per unit area o f  the repeating unit, 

and per length o f  the periphery o f  the repeating unit.
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Figure 4.18 Maximum principal stresses in the mid-layer o f the vessel around the periphery o f the 

repeating-unit (i.e. directly above the stent wire). High stresses are indicative o f a likelihood o f tissue 

damage and intimal hyperplasia. Note that the starting point for each stent wire is indicated on Figure 3.9.



4.4.2 Full 3D Models

To investigate the stresses induced within the arterial wall of stented vessels more 

fully and hence ascertain the propensity o f different stent designs to cause in-stent 

restenosis, full 3D models of stented vessels were generated. The degree o f tissue 

prolapse within the stent struts and the maximum and minimum principal stresses 

generated within the artery wall were determined, as well as the radial retraction of 

the stents. These values were compared for the three different stent designs, i.e. the 

NIR stent {Boston Scientific), S7 stent {Medtronic AVE) and a ‘simple’ original stent 

design, to determine which design would cause the least damage to the artery wall 

whilst maintaining vessel patency.

4.4.2.1 Cylindrical Vessels -  no plaque

Cylindrical vessels without any plaque were stented with the three different stent 

designs, see Figure 4.19. The vessel had an initial irmer diameter o f 3 mm and was 

0.5 mm thick.

An axial stretch of 1.2 was applied to all of the vessels in the stenting 

simulations. However, the effect that applying this stretch, simulating the stretch an 

artery experiences in vivo, can be seen by comparing the stresses induced within the 

vessel wall during a stenting simulation with and without the axial stretch applied, see 

Figure 4.20. It can be seen that the stresses induced within the arterial tissue, both 

maximum and minimum principal stresses, of a NIR stented vessel increase 

dramatically when an axial stretch is applied to the vessel. The regions o f highest 

stresses, however, are the same in both simulations, i.e. the vessel wall at the stent 

ends.

The maximum and minimum principal stress induced with the idealised 

cylindrical vessels are considerably higher in both the NIR and ‘simple’ stent designs 

than in the vessel stented with the S7 stent, see Figures 4.21 and 4.22. The lower 

stresses in the S7 may be attributed to the radial retraction o f the stent, which is higher 

than that of the other two stents, see Figure 4.23.
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‘SIMPLE’
STENT DESIGN

Figure 4.19 Deformed geometry o f the cylindrical stented vessels without 

stenotic plaque, axial stretch applied (^=1.2) and original vessel lumen 

diameter o f 3 mm.
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Figure 4.20 Cylindrical vessel segment, stented with the NIR stent, with 

and without axial stretch applied and with an original vessel lumen 

diameter o f 3 mm.
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Figure 4.21 Maximum principal stresses induced within segments oJ 

idealised cylindrical vessels stented with the NIR, S7 and ‘simple ’ stents, 

axial stretch applied (Xz=1.2) and original vessel lumen diameter o f 3 mm.
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Figure 4.22 Minimum principal stresses induced within segments o f  

idealised cylindrical vessels stented with the NIR, S7 and ‘simple ’ stents, 

axial stretch applied (Az=1.2) and original vessel lumen diameter o f 3 mm.
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‘SIMPLE’ 
STENT DESIGN

Figure 4.23 Radial retraction during the NIR, S7 and ‘simple ’ stenting 

procedures within the idealised cylindrical vessels.

It can be seen that the 87 has the lowest tissue draping within the struts of the 

stent and hence it has the best scaffolding properties, see Figure 4.24. The final 

minimum lumen diameter of the stented vessels was found to be 3.38 mm, 3.29 mm 

and 3.25 for the NIR, 87 and ‘simple’ stents, respectively.

0.12  ;-----------
□  Draping (mm)

O-l ■Recoil (mm)

NIR S7 'Simple'

Figure 4.24 The magnitude o f the maximum draping within the struts o f  

the NIR, S7 and ‘simple ’ stent and the maximum radial retraction o f the 

stents during the stenting procedures in the idealised cylindrical vessels.
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4.4.1.2 Atherosclerotic Vessels -  cylindrical stenotic lesion

The NIR, S7, and ‘simple’ stent designs were also deployed within cylindrical vessels 

with a concentric cylindrical lesion, see Figure 4.25. The vessel had an initial inner 

diameter of 2 mm, with plaque material within the vessel of 0.5 mm thick and healthy 

arterial tissue of 0.5 mm thick. The maximum and minimum principal stress induced 

within the cylindrical vessels with a concentric cylindrical lesion are again higher in 

both the NIR and ‘simple’ stent designs than in the vessel stented with the S7 stent, 

see Figures 4.26 and 4.27. The stresses are highest in the centre o f the vessel and 

around the stent struts. The lower stresses in the S7 may be attributed to the greater 

radial retraction of the stent, which is higher than that of the other two stents, see 

figure 4.28. However, the scaffolding of the S7 stent is still superior to the other two 

designs within this stenosed vessel, see Figure 4.29.

‘SIM PLE’ 
STENT DESIGN

Figure 4.25 Deformed geometry o f  the cylindrical stented vessels with 

symmetrical cylindrical stenotic plaque (yellow), axial stretch applied 

(^2=1.2) and original vessel lumen diameter o f  2 mm.
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‘SIM PLE’ STENT

Figure 4.26 Maximum principal stresses induced within segments o f 

idealised cylindrical stenosed vessels stented with the NIR, S7 and 

‘simple’ stents, axial stretch applied (Az=1.2) and original vessel lumen 

diameter o f 2 mm.
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Figure 4.27 Minimum principal stresses induced within segments o f 

idealised cylindrical stenosed vessels stented with the NIR, S7 and 

'simple’ stents, axial stretch applied (^=1.2) and original vessel lumen 

diameter o f 2 mm.
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Figure 4.28 Radial retraction during the NIR, S7 and ‘simple’ stenting 

procedures within the idealised cylindrical stenosed vessels.

The final minimum lumen diameter of the stented vessels was found to 2.7 

mm, 2.53 mm and 2.76 for the NIR, S7 and ‘simple’ stents, respectively.
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Figure 4.29 Maximum arterial tissue draping/prolapse within the struts o f  

the NIR, S7 and ‘simple ’ stenting procedures in the idealised cylindrical 

stenosed vessels.
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4.4.2.3 Atherosclerotic Vessels - Localised lesion

The NIR, S7, and ‘simple’ stent designs were deployed within cylindrical vessels with 

a crescent shaped concentric lesion, see Figures 4.30-4.32. The vessel had a minimum 

initial inner diameter of 2 mm, with plaque material within the vessel o f maximum 

thickness of 0.5 mm and healthy arterial tissue o f 0.5 mm thickness. The deformed 

stented vessels illustrate tissue prolapsing within the struts and hence the scaffolding 

properties of each stent design (Figures 4.30-4.32).

As with the previous vessel geometries, the maximum and minimum principal 

stress induced within the cylindrical vessels with the localised lesion are considerably 

higher in both the NIR and ‘simple’ stent designs than in the vessel stented with the 

S7 stent, see Figures 4.33 and 4.34. The stresses are highest in the centre of the vessel 

at the region of maximum stenosis and also around the stent struts. The lower stresses, 

and lower volume of material stressed at high levels, in the vessel stented with the S7 

stent is due to the greater radial retraction of the S7 stent, see Figure 4.35.

Figure 4.30 Cylindrical vessel with a localised lesion (yellow) stented 

with the NIR stent.
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Figure 4.31 Cylindrical vessel with a localised lesion (yellow) stented 

with the S7 design.

Figure 4.32 Cylindrical vessel with a localised lesion (yellow) stented 

with the ‘simple ’ stent design.
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‘SIMPLE’ STENT

Figure 4.33 Maximum principal stresses induced within segments o f 

vessels, with a localised lesion, stented with the NIR, S7 and ‘simple’ 

stents, axial stretch applied (X z= 1 .2 )  and original vessel minimum lumen 

diameter o f 2 mm.
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Figure 4.34 Minimum principal stresses induced within segments o f  

vessels, with a localised lesion, stented with the NIR, S7 and ‘simple ’ 

stents, axial stretch applied (^=1.2) and original vessel minimum lumen 

diameter o f 2 mm.
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‘SIMPLE’ 
STENT DESIGN

Figure 4.35 Radial retraction during the NIR, S7 and ‘simple ’ stenting 

procedures within the atherosclerotic vessels with a localised lesion.

The flexibiUty of the modular S7 stent, as opposed to the other two more rigid 

laser cut type stents, allows the stent to conform to the altering contours o f the inner 

lumen of the vessel with the localised lesion. This manifests itself in greater retraction 

of the S7 stent during the stenting procedure in these finite element analyses. By 

retracting, the stent maintains the stresses in the vessel at a lower level than in the 

vessels stented by the other two stents, see Figures 4.33 and 4.34. The S7 stent also 

stresses less volume of the arterial wall to high stress levels compared with the NIR 

and the ‘simple’ stent design, see Figure 4.36. Vessel patency is still achieved by the 

S7 stent, which exhibits superior scaffolding properties to the other two stents in a 

vessel with a localised lesion, see Figure 4.37.
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Figure 4.36 Maximum principal stress volumes for the arterial tissue in 

the atherosclerotic vessel stented with a NIR, S7 and ‘simple ’ stent.

The final minimum lumen diameter of the stented vessels was found to 2.79 

mm, 2.63 mm and 2.71 at the vessel stenosis for the NIR, S7 and ‘simple’ stents, 

respectively.
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Figure 4.37 Maximum arterial tissue draping/prolapse in the 

atherosclerotic vessel stented with a NIR, S7 and ‘simple ’ stent.

'Simple'
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Finally it should be noted that for all of the analyses the contact area between 

the stent and the artery was found to be 13.9 mm^ for the NIR stent, 11.3 mm^ the S7 

stent, and 8 mm for the ‘simple’ stent design.

4.5 Computational Model of In-Stent Restenosis

This section presents the results obtained for the computational model of in-stent 

restenosis within an idealised cylindrical vessel stented with the three different stent 

designs. The vessels stented were idealised cylindrical vessels the same as those 

shown in Section 4.4.2.1 (page 104).

As stated previously, the damage stimulus was calculated based on either 

(i) the maximum principal stress, (ii) the minimum principal stress, or (iii) both the 

maximum and minimum principal stress. The relationship between the rate o f damage 

accumulation and the magnitude of the absolute value of the maximum or minimum 

principal stresses was obtained from the fatigue test data (shown in Section 4.3.2, 

Figure 4.14). The constant, c, in Eqn. 3.17 (Chapter 3, Section 3.6.1), which relates 

the number of proliferating smooth muscle cells to the damage present was 

determined for each stimulus such that the restenosis process converged as outlined in 

Chapter 3. This constant was uniquely determined for each o f the stimuli from (i) to 

(iii) above and was calculated to be 1.75 x 10^, 1.6 x 10  ̂and 9.52 x 10  ̂ for the three 

stimuli, respectively.

Each analysis was carried out over 

time with a maximum of 100 days allowed 

for restenosis to develop within the lumen 

of the vessel. Colour coding is used 

throughout the following results to 

distinguish each different material type in 

the analyses, see Figure 4.38.

4.5.1 Stimulus: Maximum principal stress

The idealised cylindrical vessel was stented with the NIR stent (Figure 4.39) with an 

active thrombotic layer and potential restenotic growth within the lumen of the vessel 

(Figure 4.40).

Arterial Wall 

I I Restenosis 

Stent

□  Deactivated elements

Figure 4.38 Material colour coding 

in the in-stent restenosis models.
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Figure 4.39 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the NIR stent ( 1.2).

Figure 4.40 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the NIR stent illustrating the thrombotic layer (pink) and 

all o f the potential restenotic growth within the lumen o f the vessel (white 

elements).
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Many of the layers of potential restenotic material within the lumen of the 

vessel did not activate during the in-stent restenosis analysis. These layers are 

removed to enable the pattern o f restenosis in the NIR stented vessel to be seen more 

clearly (Figure 4.41). The in-stent restenosis growth was time limiting and stopped 

after 20 days in the NIR stented vessel. The maximum restenotic growth can clearly 

be seen to be concentrated within the struts o f the stent when the stimulus chosen was 

maximum principal stresses within the arterial wall, see Figures 4.41 and 4.42. 

Restenosis developed gradually over the 20 days to converge to the final outcome 

shown in Figure 4.41-4.43. The pattern of restenosis in a transverse cut through the 

vessel illustrates the maximum restenosis is between the stent struts and significantly 

narrows the vessel lumen, see Figure 4.43.

Figure 4.41 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the NIR stent with completely deactivated layers o f  

potential restenotic tissue removed.
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Figure 4.42 Close-up view o f the deformed geometry shown in Figure 4.41 

with completely deactivated layers o f  restenotic tissue removed.

Figure 4.43 Section A-A shown in Figure 4.42, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the NIR stent.
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The idealised cylindrical vessel was also stented with the S7 stent (Figure 

4.44) with an active thrombotic layer and potential restenotic growth within the lumen 

o f the vessel (Figure 4.45). Again, many of the layers o f potential restenotic material 

within the lumen o f the vessel did not activate during the in-stent restenosis analysis 

in the S7 stented vessel. These layers are removed to enable the pattern o f restenosis 

in the S7 stented vessel to be seen more clearly (Figure 4.46). The in-stent restenosis 

growth was time limiting and stopped after 10 days in the S7 stented vessel. The 

maximum restenotic growth can clearly be seen to be concentrated within the struts of 

the stent when the stimulus chosen was maximum principal stresses within the arterial 

wall, see Figures 4.46 and 4.47. Restenosis developed gradually over the 10 days to 

converge to the final outcome shown in Figure 4.46-4.48. The pattern of restenosis in 

a transverse cut through the vessel illustrates the maximum restenosis is between the 

S7 stent struts; although it is two layers inside the initially activated thrombotic layer, 

see Figure 4.48.

Figure 4.44 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent ( ?^= 1.2).
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Figure 4.45 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent illustrating the thrombotic layer (pink) and 

all o f the potential restenotic growth within the lumen o f the vessel (white 

elements).

; . t . \

Figure 4.46 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent with completely deactivated layers o f  

potential restenotic tissue removed.
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Figure 4.47 Close-up view o f the deformed geometry shown in Figure 4.46 

with completely deactivated layers o f restenotic tissue removed.

Figure 4.48 Section A-A shown in Figure 4.47, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the S7 stent.
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The idealised cylindrical vessel was stented with the ‘simple’ stent (Figure 

4.49) with an active thrombotic layer and potential restenotic growth within the lumen 

o f the vessel (Figure 4.50). The layers o f potential restenotic material within the 

lumen of the vessel that did not activate during the in-stent restenosis analysis in the 

‘simple’ stented vessel were again removed to enable the pattern of restenosis in the 

‘simple’ stented vessel to be seen more clearly (Figure 4.51). The in-stent restenosis 

growth was time limiting and stopped after 11 days in the vessel stented with the 

‘simple’ stent. The maximum restenotic growth can clearly be seen to be concentrated 

between the central struts of the stent when the restenosis stimulus was maximum 

principal stresses within the arterial wall, see Figures 4.51 and 4.52. Restenosis 

developed gradually over the 11 days to converge to the final outcome shown in 

Figure 4.51-4.53. The pattern of restenosis in a transverse cut through the vessel 

illustrates the maximum restenosis is around the struts of the ‘simple’ stent; although, 

it is only three layers inside the initially activated thrombotic layer, see Figure 4.53.

• A '*

Figure 4.49 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the ‘simple ’ stent ( >4= 1-2).
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Figure 4.50 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent illustrating the thrombotic layer (pink) and 

all o f the potential restenotic growth within the lumen o f the vessel (white 

elements).
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Figure 4.51 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the ‘simple ’ stent with completely deactivated layers o f 

potential restenotic tissue removed.



Figure 4.52 Close-up view o f the deformed geometry shown in Figure 4.51 

with completely deactivated layers o f restenotic tissue removed.

Figure 4.53 Section A-A shown in Figure 4.52, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the ‘simple ’ stent.
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Comparing the restenotic growth within the lumen of the three stented vessels 

it can be seen that the NIR stent would have the greatest intimal growth compared 

with the other two stents, if the stimulus for restenotic growth is taken as the 

maximum principal stress in the arterial tissue, see Figure 4.54. The growth would 

also be concentrated between the stent struts for this stimulus rather than around the 

struts of the stents, see Figure 4.54.

Figure 4.54 Sections A-A (shown in Figures 4.43, 4.48 and 4.53). The 

cross-section o f maximum restenosis in the cylindrical vessel stented with 

(a) the NIR stent, with restenosis growth completed at 20 days, (b) the S7 

stent, with restenosis growth completed at 10 days and (c) the ‘simple ’ stent, 

with restenosis growth completed at 11 days.
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4.5.2 Stimulus: Minimum principal stress

In-stent restenosis was allowed to develop within the idealised cylindrical vessel 

stented with the NIR, S7 and ‘simple’ stents using the minimum principal stresses 

induced within the arterial wall as the damage stimulus.

The NIR stented vessel generated restenosis within the lumen of the vessel as 

a response to damage, based on the magnitude of the minimum principal stresses in 

the vessel. The restenotic growth was found to be localised around the stent struts and 

greatest at the ends of the stent, see Figure 4.55. The pattern of restenosis in the S7 

and ‘simple’ stented vessels as a response to damage, based on the magnitude of the 

minimum principal stresses in the vessels, also illustrate restenotic growth localised 

around the stent struts and at a meiximum at the ends of the stents (see Figures 4.58- 

4.60 for the S7 stented vessel and Figures 4.61-4.63 for the ‘simple’ stented vessel).

Figure 4.55 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the NIR stent with completely deactivated layers o f  

potential restenotic tissue removed.
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Figure 4.56 Close-up view o f the deformed geometry shown in Figure 4.55 

with completely deactivated layers o f restenotic tissue removed.

Figure 4.57 Section B-B shown in Figure 4.56, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the NIR stent, i.e. 

the end o f the stent.
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Figure 4.58 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent with completely deactivated layers o f 

potential restenotic tissue removed.

Figure 4.59 Close-up view o f the deformed geometry shown in Figure 4.58 

with completely deactivated layers o f restenotic tissue removed.
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Figure 4.60 Section B-B shown in Figure 4.59, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the S7 stent, i.e. 

the end o f  the stent.

' /  / ............

W
Figure 4.61 Deformed geometry o f  a segment o f  the idealised cylindrical 

vessel stented with the ‘simple ’ stent with completely deactivated layers o f  

potential restenotic tissue removed.

134

it
w

\



Figure 4.62 Close-up view o f the deformed geometry shown in Figure 4.61 

with completely deactivated layers o f restenotic tissue removed.

Figure 4.63 Section B-B shown in Figure 4.61, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the 'simple ’ stent, 

i.e. the end o f the stent.
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Comparing the restenotic growth within the lumen of the three stented vessels 

it can be seen that the NIR and ‘simple’ stents would have the greatest intimal growth 

compared with the S7 stent, if  the stimulus for restenotic growth is taken as the 

minimum principal stress in the arterial tissue, see Figure 4.64. Also, it can be seen 

that using this stimulus that the restenotic growth is concentrated in areas around the 

stent struts.

Figure 4.64 Sections B-B (shown in Figures 4.57, 4.60 and 4.63). The 

cross-section o f maximum restenosis in the cylindrical vessel stented with 

(a) the NIR stent, with restenosis growth completed at 13 days, (b) the S7 

stent, with restenosis growth completed at 12 days and (c) the ‘simple ’ stent, 

with restenosis growth completed at 32 days.
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4.5.3 Stimulus: Both maximum and minimum principal stress

In-stent restenosis was also allowed to develop within the idealised cylindrical vessel 

stented with the NIR, S7 and ‘simple’ stents using the sum of damage generated due 

to the maximum and minimum principal stresses induced within the arterial wall as 

the stimulus (the damage generated due to each stress stimulus was calculated and the 

two damage values summed).

The NIR stented vessel generated restenosis within the lumen of the vessel as 

a response to damage, based on the magnitude of both maximum and minimum 

principal stresses in the vessel. The restenotic growth was again found to be localised 

around the stent struts and greatest at the central struts and the ends of the stent, see 

Figure 4.65. The pattern of restenosis in the S7 euid ‘simple’ stented vessels as a 

response to damage, based on the magnitude of both the maximum and minimum 

principal stresses in the vessels, also illustrate restenotic growth localised around the 

stent struts and for the S7 stent the maximum restenosis occurred at the ends of the 

stents (see Figures 4.68-4.70 for the S7 stented vessel and Figures 4.71-4.73 for the 

‘simple’ stented vessel).

Figure 4.65 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the NIR stent with completely deactivated layers o f  

potential restenotic tissue removed.
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Figure 4.66 Close-up view o f the deformed geometry shown in Figure 4.65 

with completely deactivated layers o f restenotic tissue removed.

Figure 4.67 Section C-C shown in Figure 4.66, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the NIR stent, i.e. 

the middle o f the stent.
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Figure 4.68 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the S7 stent with completely deactivated layers o f 

potential restenotic tissue removed.

:̂ 7

Figure 4.69 Close-up view o f the deformed geometry shown in Figure 4.68 

with completely deactivated layers o f restenotic tissue removed.
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Figure 4.70 Section C-C shown in Figure 4.69, the cross-section o f 

maximum restenosis in the cylindrical vessel stented with the S7 stent, i.e. 

the end o f the stent.

Figure 4.71 Deformed geometry o f a segment o f the idealised cylindrical 

vessel stented with the ‘simple ’ stent with completely deactivated layers o f  

potential restenotic tissue removed.
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Figure 4.72 Close-up view o f  the deformed geometry shown in Figure 4.71 

with completely deactivated layers o f  restenotic tissue removed.

Figure 4.73 Section C-C shown in Figure 4.72, the cross-section o f  

maximum restenosis in the cylindrical vessel stented with the ‘simple ’ stent, 

i.e. the mid strut-strut intersections o f  the stent.
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Comparing the restenotic growth within the lumen of the three stented vessels 

it can be seen that the NIR and ‘simple’ stents would again have the greatest intimal 

growth compared with the S7 stent, if  the stimulus for restenotic growth is taken as 

the maximum and minimum principal stresses in the arterial tissue, see Figure 4.74. 

Also, it can be seen that using this stimulus that the restenotic growth is concentrated 

in areas around the stent struts.

Figure 4.74 Sections C-C (shown in Figures 4.67, 4.70 and 4.73). The 

cross-section o f  maximum restenosis in the cylindrical vessel stented with 

(a) the NIR stent, with restenosis growth completed at 19 days, (b) the S7 

stent, with restenosis growth completed at 12 days and (c) the ‘simple ’ stent, 

with restenosis growth completed at 24 days.
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The pattern of in-stent restenosis in the models clearly depends upon the 

stimulus used to calculate the damage within the arterial tissue. The final volume of 

restenosis within the lumen of the vessels also depends upon the damage stimulus but 

even more importantly it is clearly dependent on stent design, see Figure 4.74. 

Regardless of the damage stimulus used, the S7 stent causes the least damage to the 

artery wall and hence the least in-stent restenosis when compared with the NIR and 

‘simple’ stents.
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Figure 4.74 Final volume o f restenotic tissue growth within each o f  the 

stented vessels for the three different damage stimuli.
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5.1 Introduction

The primary objective of this thesis was to advance the biomechanical analyses that 

could be brought to bear on the design and preclinical testing of cardiovascular stents. 

Finite element analyses of vessels stented with different stents were performed using a 

suitable Mooney-Rivlin hyperelastic material model that had been determined from 

both uniaxial and equibiaxial tests. A computational algorithm to predict binary in

stent restenosis was also developed. The algorithm was devised and applied to stent 

designs known to have different restenosis rates. The algorithm is deemed useful as a 

preclinical test only if the stenting simulations and the in-stent restenosis algorithm 

succeed in predicting the stent design with the lowest propensity to cause in-stent 

restenosis. In addition, the pattern of restenosis in the stented vessels predicted by the 

algorithm is also important to support the use o f this methodology in developing or 

testing new stent designs.

In this chapter, the assumptions and limitations o f the constitutive model, the 

finite element models of the stenting procedures, and the restenosis algorithm are 

discussed first. The results o f the stress analyses and the restenosis algorithm will then 

be compared to published clinical data on restenosis for stenting procedures. By 

comparison of predicted and observed restenosis patterns, the most likely mechanical 

stimulus responsible for the development of in-stent restenosis can be identified. The 

ability o f the restenosis algorithm to predict in-stent restenosis will be discussed and 

subsequently the suitability of using this algorithm as a design and preclinical testing 

tool for stents.

5.2 Limitations of the numerical models

5.2.1 Geometry

The main limitation o f the finite element models of the stenting procedures is the 

idealised representation of stenosed coronary arteries. It is hypothesised, however, 

that the tortuosity o f a realistic coronary artery model would only serve to further 

demonstrate the lower stresses generated by a flexible stent that can conform well to 

the vessel curvature relative to a stiffer stent. A more tortuous arterial geometry might 

also show that a rigid stent would cause even higher stress concentrations and hence
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vascular injury at the ends of the stent which could embed in the artery wall due to the 

relative non-conformability of the stent.

5.2.2 Constitutive Laws

The constitutive equation used in the finite element models was of the Mooney-Rivlin 

type. This model is an isotropic hyperelastic model and is therefore not the most 

accurate representation o f arterial tissue since arterial tissue has been identified as 

cylindrically orthotropic [Patel and Fry, 1969]. To understand the limitation that this 

poses in the calculation of stresses, it is important to discuss the stress-stretch 

response of the arterial tissue.

The experimental data obtained for both the human femoral and the porcine 

coronary arterial tissue and used to define the Mooney-Rivlin models illustrate the 

key characteristics of the non-linear stress-stretch behaviour of soft tissue. Each 

stress-stretch curve, whether uniaxial or biaxial, clearly comprises of three distinct 

regions; (i) an initial linear region with high extension at low stresses, which 

corresponds to the stretch of the tissue when the elastin component o f the artery 

predominantly bears the load, (ii) a toe region where the slope o f the curve alters 

dramatically and which corresponds to the recruitment of initially wavy collagen 

fibres straightening out and bearing the load and (iii) a final linear region which 

corresponds to the stretch of the tissue when all of the collagen fibres have been 

recruited [Burton, 1962]. There is great deal of variability in the stress-stretch 

response of the two tissue types in both the uniaxial and biaxial deformation modes, 

however, the final slope of the curves can be seen to be very similar for all of the 

curves (Figures 4.1 -  4.3).

The use of the equibiaxial test device demonstrates the anisotropy o f arterial 

tissue (Figure 4.3). Although an equal load is maintained on the four sides of the 

tissue the stretch in the longitudinal and circumferential directions are different. No 

conclusive statement can be made as regards the comparative stiffness of the material 

in these two directions because of the variability in the stress-stretch curves.

Behaviour similar to that found when a tissue is assumed isotropic has been 

observed when arterial tissue is physiologically loaded with an axial prestretch 

corresponding to the in-situ length of the vessel [Weisacker et al., 1983], The biaxial 

tests conducted in this study are of specimens cut from the vessel wall and are not of
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vessels in-situ so it is not surprising that the equibiaxial loading produces variable 

stress-stretch curves. Variability in the tissue specimens could imply that each artery 

has a different unique in-situ prestretch and applying this axial prestretch could 

produce a more isotropic response. For intact coronary vessels, such as those tested by 

Carmines et al. [1992] and van Andel et al. [2003], no significant difference can be 

seen between the circumferential and longitudinal stiffness of the coronary vessels 

tested under simulated physiological loading conditions although variability is seen in 

the stress/stretch response between different samples. The axial prestretch applied in 

the study by van Andel et al. [2003] is not specific to each individual vessel’s 

measured in-situ axial stretch and hence variability is also seen in the response o f the 

vessels in both the circumferential and longitudinal directions. The existence of a 

unique prestretch value for each artery in vivo might also explain the previous 

contradictory reports on the comparative stiffness o f arterial tissue in the longitudinal 

and circumferential direction [Weisacker et al., 1988].

Since the variability observed in the mechanical properties of human femoral 

and porcine coronary arterial tissue would also be present in human coronary tissue 

then, for the purpose of using arterial tissue for preclinical testing of medical devices 

or interventional procedures, an isotropic averaged model may be an acceptable 

approach. It is also widely available in finite element codes used to test medical 

devices. Whilst an anisotropic model would be more accurate it is clear that the 

variability in the tissue elasticity would necessitate a host-specific anisotropic model 

to accurately represent the arterial tissue. The isotropic models outlined here are based 

on both uniaxial and equibiaxial stress-stretch data. It is therefore proposed that they 

present an appropriate compromise between the complexity o f a host-specific 

anisotropic model and the simpler approach of using a hyperelastic model based on 

uniaxial data alone. To account for variability, it is also possible to develop several 

isotropic models covering the range of arterial tissue elasticity, based on both uniaxial 

and equibiaxial stress-stretch data [see Lally and Prendergast, 2004; Appendix A].

The Mooney-Rivlin model for the plaque tissue was based on published data 

but limited to uniaxial data. It is very difficult to obtain human atherosclerotic tissue. 

However, even if segments of atherosclerotic tissue were obtained it would be very 

difficult to obtain planar biaxial samples from such small irregularly shaped 

specimens.
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Arterial tissue has also been identified to exhibit viscoelastic properties such 

as strain rate dependency [Fung, 1993]. The Mooney-Rivlin hyperelastic model does 

not take account of the viscoelasticity of arterial tissue. The effect of this limitation 

was minimised by carrying out all of the experimental tests at the same strain rate and 

preconditioning the arterial tissue. However, this assumes that the same speed of 

arterial expansion during stent deployment was used for the different stent designs.

5.2.3 Initial and boundary conditions

No residual stresses were included in the model of the artery, based on the opening 

angle of the vessel in its unloaded state [Fung, 1993] since no data of this nature were 

available in the literature for coronary arterial tissue. Omitting the residual stresses 

present in the artery may have affected the stress measures obtained in the vessel wall 

in the stenting procedures. In the fiiture, testing could be carried out on coronary 

tissue to establish the opening angles of intact coronary arteries and also of the three 

layers of the artery, in much the same way as the data obtained for iliac arteries by 

Schulze-Bauer et al. [2003], Once this data has been obtained future models could 

then incorporate residual stresses.

No rupture or damage mechanism has been incorporated into our plaque 

model. The high stresses observed in the calcified plaque are high enough that 

fracture could occur in this relatively brittle material. An analysis of the fracture 

process of the plaque is, however, beyond the scope of the present study.

The process of stent expansion is not modelled in our simulations. This limits 

the study since it cannot be used to analyse the shearing force that an expanding stent 

could impose on an artery. In this respect, the approach used in this thesis is suitable 

for studies that aim to look at the influence of stent placement on vessel wall stresses 

and stent-induced vascular injury after stent deployment since the stent geometry has 

been obtained from a stent in its expanded state. Neglecting the arterial injury due to 

shearing during stent deployment may be justified by the fact that in-stent restenosis 

has been observed to be a more chronic restenotic response than restenosis post 

angioplasty [Edelman and Rogers, 1998]. Although both procedures cause shearing 

and endothelial denudation only stenting results in the chronic response to injury of 

intimal cell proliferation. This is due to the continued presence of the stent in the 

artery and the high loading on the vessel wall imposed by the stent. This conclusion is
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also supported by the many studies which have identified stent design as a major 

determinant in restenosis post-stenting since all stents cause endothelial denudation 

during deployment, however, different stent designs induce different loading 

magnitudes on the vessel wall.

5.2.4 The restenosis models

There is a limitation in the finite element software, Marc/Mentat, whereby a 

hyperelastic material cannot be thermally activated. This is a necessary requirement 

for the restenotic tissue in the restenosis algorithm. Due to this limitation the 

restenotic tissue had to be modelled as a linear elastic material (E=l MPa). However, 

restenotic tissue, which is predominantly composed o f smooth muscle cells and 

extracellular matrix, would most likely have non-linear elastic properties similar to 

the vessel wall and therefore could have been more accurately modelled as a 

hyperelastic material with properties o f arterial tissue. However, this inaccuracy is 

low since in the restenosis models the newly activated restenotic tissue is only 

subjected to mean blood pressure of 100 mmHg. Under this low load a hyperelastic 

material would behave almost linearly. The stress stiffening non-linearity of the 

arterial tissue is only important when high loads, far beyond physiological loads, are 

applied to vessel wall such as in the case o f stenting.

The damage observed from the fatigue tests to accumulate within 

arterial tissue causes stress softening in the tissue. This stress softening behaviour of 

the tissue has not been included in the material model, it has instead been used to 

determine the degree o f restenotic growth. A more accurate material model could be 

developed which incorporates the stress stiffening behaviour of the tissue, and hence 

alters the arterial tissue properties, as well as determining the degree of tissue 

proliferation. In addition, without including this stress softening behaviour o f the 

material, the stresses and strains induced within some areas of the stented vessel are 

beyond the range o f the experimental data obtained. Extrapolation beyond the range 

of the experimental data may introduce errors in the calculation o f stresses in the 

vessel wall. However, it may be justified in this context where the ultimate goal is to 

develop a comparative preclinical testing tool for stents which does not rely on the 

absolute value of the stresses induced in the vessel.
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5.2.5 Mechanoregulation in the restenosis algorithm

In this study the development of in-stent restenosis was modelled by the migration 

and proliferation of cells based on damage within the arterial wall. The migration of 

cells was represented using the diffusion equation and was therefore the same in every 

direction. This is not the most accurate representation of the medial cell migration 

observed during the formation of in-stent restenosis. Cells in the media of the artery 

have been identified to move to the intima and not in every direction [Edelman and 

Rogers, 1998]. The high concentration of cells in the arterial wall generated at areas 

of damage moved to areas of low concentration by diffusion (deactivated restenotic 

tissue). This closely simulated the cell migration process. It was necessary, however, 

to remove the cells at the adventitial surface to prevent an artificially high 

concentration of cells at the outer surface of the artery due to the diffusion of cells to 

this area of low cell concentration. Applying a convective film coefficient to the outer 

surface of the artery, as outlined in the Materials and Methods Chapter (Section 

3.6.2), removed this potential problem.

The stimulus for restenosis in the models was damage. Arterial tissue, like 

other soft tissues such as tendons [Ker and Zioupos, 1997], accumulates damage 

under cyclic loading. This is evident in the reduction in stiffness, which is a measure 

of damage, observed in the arterial tissue with increasing loading cycles during the 

fatigue tests. The reduction in the number of cycles to failure of the tissue at higher 

stress levels also indicates damage is accumulating within the tissue and ultimately 

causing failure. Since stents induce stresses in the arterial wall that are above the 

physiological stress levels (Section 4.4.2), the level of damage at this stress level may 

be sufficient to result in an over zealous healing process which manifests itself as in

stent restenosis. The artery is continuously subjected to cyclic loading from the 

pulsing of the blood through the artery. This may result in the arterial tissue in a 

stented vessel accumulating damage at a higher rate due to the high mean stress level 

induced in the artery by the stent scaffolding open the vessel.

The arterial tissue damage in the restenosis models was calculated based on an 

S-N  curve obtained from fatigue tests on the porcine coronary arterial tissue. The 

fatigue tests were carried out at three load levels: from 10-20%, 10-30% and 10-40 % 

of the UTS of the coronary arterial tissue. The ratio of the minimum to maximum 

stress, or the /?-ratio, in these fatigue tests is, therefore, not the same as that which
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would occur during the cyclic loading of a stented vessel. Loading at 10-20%, 10-30% 

and 10-40 % of the UTS of the arterial tissue correspond to /?-ratios o f 0.5, 0.33 and 

0.25, respectively. Blood pressure only fluctuates from 80-120 mmHg, corresponding 

to an 7?-ratio of 0.67. The reason that the /?-ratio o f 0.67 was not used in the fatigue 

tests was because o f the length of time the tests would have had to run to obtain 

specimen failure and they were therefore deemed somewhat impractical. However, it 

has been shown that damage accumulates in arterial tissue when the tissue is 

cyclically loaded. It has also been shown that this damage is nonlinearly related to the 

mean stress level at which the cyclic loading takes place. It is therefore proposed that 

this non-linear relationship may be extrapolated for use in cases where the /?-ratio is 

different than that which the coronary arterial tissue samples were tested. Further tests 

could be carried out in future to obtain additional fatigue data for arterial tissue that 

include tests carried out at an i?-ratio of 0.67.

The restenosis model only determined damage as a function of stresses within 

the artery wall due to stent expansion and did not include the effects of 

haemodynamic shear stresses. Altered flow patterns in the vessel, initially due to the 

presence of the stent and later due to restenotic growth, would contribute to the 

overall restenosis growth pattern. Therefore, a truly accurate model for in-stent 

restenosis should account for altered tensile and compressive stresses in the artery as 

well as altered haemodynamic shear stresses, which has shown to influence the 

activity of cells in stented vessels [Berry et a i ,  2000, 2002].

5.3 Analysis of stress in stented arteries

5.3.1 Prolapse Study

The tissue within one repeating unit o f four different stent designs was modelled to 

determine the degree o f tissue prolapse in the stents. The results o f the analyses found 

that the degree of tissue prolapse was as follows: the least prolapse was in the BeStent 

2 unit, next was the TETRA stent, then the NIR, and the highest predicted prolapse 

was in the unit of the VELOCITY stent, see Figure 5.1.

Binary restenosis rates o f 7.4% for direct stenting and 6.8% when stenting 

occurs following pre-dilation have been found for the BeStent 2 stent'. The TETRA

‘ Personal communication with Susanne Hovens, Convertible Trial, Medtronic Bakken Centre, 
Maastricht, The Netherlands.
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stent has been reported to have restenosis rates o f 17.9% (versus 31.4% for the 

Velocity stent) and 17.6 % (versus 28.6% for the NIR stent) [McClean and Eigler, 

2002]. Clinical studies using the NIR stent have also reported restenosis rates of 

19.3% at 9-months follow-up [NIRVANA trial; Bairn et a l,  2001] and 19% at 6- 

month follow-up [FINESS II trial; Rutsch et al., 2000], see Figure 5.1.

From Figure 5.1 it can be seen that the clinical data indicates that the 

VELOCITY stent is the worst performing stent with the highest rate o f restenosis. The 

simple analyses to investigate prolapse and the stresses surrounding a unit of a stent 

also found that the VELOCITY stent design had the worst scaffolding properties, 

allowing up to 0.5 mm prolapse within the stent unit, and also induced the highest 

stresses in the arterial wall. In these finite element analyses the NIR had the next 

highest degree of prolapse and the next highest magnitude of stress in the arterial 

tissue and from the clinical data the NIR has been reported to have a lower restenosis 

rate than the VELOCITY stent but higher than the TETRA and Bestent 2. The 

TETRA and Bestent 2 stents were found to have the lowest prolapse and to induce the 

lowest arterial stresses and they have also the lowest reported restenosis rates of the 

four stents, particularly the BeStent 2. Therefore, although the prolapse study was 

relatively simple, it may serve as a simple preclinical test that could aid in improving 

stent design and preventing in-stent restenosis.

■  Binary restenosis (%) ■  Tissue Prolapse (mm)

BeStent 2 VELOCITYTETRA

Figure 5.1 A comparison o f  clinical binary restenosis data and the 

predicted maximum prolapse o f  the vascular tissue within the repeating 

unit o f  the four stents analysed.
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5.5.2 Full 3D Models

Application of an axial stretch to the vessel has a major impact on the stresses induced 

within the artery wall as seen in Figure 4.20 (pg. 106). This indicates the importance 

of applying longitudinal tethering to the vessel to simulate the boundary condition of a 

stented artery. Longitudinal tethering values ranging from 1.05-1.23 have been 

recorded by Schulze-Bauer et al. [2003] for aged human iliac arteries. Therefore, the 

tethering applied to the models here represents the worst case scenario of axial 

prestretch and hence elevated stresses within a stented vessel. The influence of 

applying different longitudinal loads and hence different axial stretch values on an 

idealised cylinder is shown in detail in Appendix A.

For all three geometrical configurations (i.e. cylindrical vessel without 

stenosis, with stenosis and with a localised stenotic lesion), based on the stresses 

induced in the vessel wall in these simulations, it is expected that the S7 would cause 

less vascular injury than the NIR or ‘simple’ stent. The lower volume of tissue 

stressed to high levels with the S7 stent compared to the same idealised geometry 

stented with the NIR and ‘simple’ stents made from the same material, can be 

attributed to the greater conformability of the S7 stent to the inner lumen geometry of 

the vessel. This includes the greater radial recoil observed in the S7 for all three 

geometrical configurations. By recoiling, the stent maintains the lower stresses on the 

vessel; however the S7 maintains sufficient patency and superior scaffolding 

properties, i.e. lower prolapse for all the stented vessels than the NIR or ‘simple’ stent 

designs, see Table 5.1. In fact this value of maximum tissue prolapse is also very low 

compared with other stent designs (BeStent 2, Medtronic A VE; VELOCITY, Cordis-, 

TETRA, Guidant). The maximum tissue prolapse within a repeatable stent unit of 

each of these designs has been determined for human femoral arterial tissue properties 

in the prolapse study outlined earlier, see Table 5.2.

Stent Design 

NIR S7 ‘simple’

Artery Geometry Maximum Prolapse (mm)

(i) Cylinder w/o stenosis 0.053 0.038 0.114

(ii) Cylinder w stenosis 0.121 0.063 0.414

(Hi) Cylinder w localised stenosis 0.124 0.056 0.38

Table 5.1 Maximum tissue prolapse in 3D models o f stented vessels.
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BeStent 2

Stent Design 

VELOCITY TETRA NIR

0.11

Maximum prolapse (mm) 

0.205 0.117 0.152

Table 5.2 Maximum tissue prolapse in ‘one repeating unit’ finite element models.

Stent recoil is measured by the radial displacement of the stent; however, the 

tissue prolapse is tissue protrusion between the stent struts and it defines the 

scaffolding properties of the stent. These results illustrate the coupling that exists 

between the stresses imposed on the vessel wall and the radial recoil of the stent. The 

radial recoil observed here is exaggerated as a result of the method used to simulate 

the stenting procedure, i.e. an expansion of the artery past the stent and the subsequent 

collapse o f the artery around the stent. However, the analyses illustrate that if  the two 

stent designs were deployed using the same pressure in the same vessel, the NIR stent 

would induce higher stresses in the vessel wall. Clearly, an optimum stent design 

should retract sufficiently to prevent overstressing the vessel wall but still maintain 

patency of the vessel and plaque scaffolding. In fact, for a vessel with a localised 

lesion, and taking account of the differences in magnitude of radial recoil and tissue 

prolapse for the three stent designs, the minimum lumen diameter was predicted to be 

2.79 mm, 2.63 mm and 2.71 mm at the vessel stenosis for the NIR, S7 and ‘simple’ 

stents, respectively. It is clear that the marginally higher lumen diameter achieved by 

the NIR stent is at the expense o f large areas of considerably higher stress. These 

stresses may provoke a greater response to injury by the vessel wall and ultimately 

restenosis. This demonstrates the high risks associated with choosing an oversized 

rigid stent design as compared to the use of the more flexible S7 stent.

As stated above, restenosis rates for the NIR stent have been reported of 

28.6% [McClean and Eigler, 2002], 19.3% [NIRVANA trial; Baim et a l,  2001] and 

19% [FINESS II trial; Rutsch et al., 2000]. However, the restenosis rate for the S7 

stents has been reported as much lower at 10.1% at 6-months follow-up [Medtronic 

DISTANCE trial, 2004]. The results of this study offer an explanation for this lower 

restenosis rate when compared with the NIR stent; the S7 stent would cause less 

vascular injury to the stented vessel and therefore would be expected to have a lower 

restenosis rate than the NIR stent. It is important to note that this is achieved whilst
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maintaining superior scaffolding properties than the NIR stent. It should also be noted 

that the S7 achieves high patency (only 4 % stenosis) and excellent scaffolding whilst 

also having a lower stent/artery contact area (11.3 mm^ as compared to 13.9 mm^ for 

the NIR). Maintaining the metal/tissue contact area low also reduces the thrombotic 

response o f the vessel to the presence of a foreign material [Rogers and Edelman, 

1995].

5.4 Analysis of restenosis in stented arteries

The computational model of in-stent restenosis was applied to the NIR, S7 and 

‘simple’ stent designs. Three values o f stress were used to calculate the damage 

within the stented artery wall that subsequently acted as the stimulus for in-stent 

restenosis. The pattern of restenosis differed depending on which measure of stress 

was used to calculate damage. The pattern o f in-stent restenosis has been identified 

from animal and human restenosis trials to be concentrated around the stent struts. 

Also stents induce a different response at different points along the length of the stent. 

In many studies greater luminal loss after stent implantation has been observed at the 

edges o f stents [Hoffman et a i,  1996; Dusaillant et al., 1995; Ikari et a i,  1995]. The 

edges o f many stents dilate more than the body during normal inflation. As a result, 

the stent edges may be more deeply embedded in the vessel wall than the body 

causing more severe injury to the vessel. Therefore, intimal hyperplasia is most likely 

greater at the ends of the stents as a response to this injury.

This pattern o f restenosis whereby intimal hyperplasia is concentrated around 

the stent struts and at the ends o f the stents is only predicated in the restenosis models 

when damage is determined based on either minimum principal stress or a 

combination of maximum and minimum principal stresses within the artery wall, see 

Section 6.5. The model therefore would support the hypothesis that deviations from 

physiological circumferential stresses (maximum principal stresses) and physiological 

radial stresses (minimum principal stresses) in the artery wall induced by the stent 

cause damage that leads to restenosis.

As outlined in the Literature Review (Chapter 2), in-stent restenosis begins 

with thrombus deposition where the stent contacts with the artery [Edelman and 

Rogers, 1998]. This has been modelled by immediately activating a layer of elements 

in the in-stent restenosis model after stenting. Thrombus deposition is followed by the
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migration o f surface adherent monocytes, recruited from the circulation and the 

adventitial vasa vasorum, to the injury site and then into the intima. This migration 

occurs in the first 7 days whilst proliferation occurs at the same time and continues 

after the first 7 days to form the restenotic tissue. The restenosis algorithm also 

models the migration and proliferation of these cells into the intima.

The time course of in-stent restenosis after coronary intervention in humans 

ranges from 3-18 months after stent implantation, with peak angiographic restenosis 

typically detected between the first and third month after the procedure [Orford et ah, 

2000]. The greatest proliferative activity occurs in the first 7 days after stenting 

[Edelman and Rogers, 1998]. The restenosis model predicts that restenosis occurs in 

the first month in the NIR and ‘simple’ stent designs whereas restenosis does not 

occur in the S7 stent, see Table 5.3. Stenosis o f a stented vessel is defined as greater 

than 50% lumen vessel area stenosis after stenting [Kastrati et al., 2001].

The predominant mechanism of in-stent restenosis is lumen loss from SMC 

proliferation occurring as a healing response to vascular injury. In order to minimise 

restenosis, therefore, the optimum stent design should be sufficiently rigid to prevent 

lumen loss from remodelling whilst minimising injury to the vessel. The in-stent 

restenosis algorithm predicts that the 87 stent minimises vascular injury whilst 

achieving vessel patency during stenting and therefore has a lower restenosis rate than 

the NIR or ‘simple’ stent designs, see Table 5.3.

It is noted here that the clinical restenosis data most commonly reported in the 

literature and that used in this study is binary restenosis data. Binary restenosis data 

only gives information on the number of stented vessel that have been found to have 

stenoses greater than 50% lumen vessel area. This information is limited since it does 

not give information on the degree of stenosis in vessels with less than 50% lumen 

area stenosed or the extent of stenosis in vessels with greater than 50% stenosis. 

However, binary restenosis data is still deemed a very useful measure in the context of 

this study in order to comparatively indicate the propensity of different stent designs 

to cause in-stent restenosis.

156



Stent Design

NIR S7 ‘simple’ NIR S7 ‘simple’ NIR S7 ‘simple’

(i) Maximum principal stress

(ii) Minimum principal stress

(iii) Maximum and minimum 

principal stress

Final minimum vessel 

diameter (mm)

2.168 2.966 2.810

2.284 2.648 1.705

2.456 2.810 1.819

Percent vessel area stenosis 

based on minimum vessel 

diameter and the outer stent 

diameter (3.5 mm)

62% 28% 36%

57% 43% 76%

51% 36% 73%

Total volume o f  re stenotic 

growth (mm^)

29.96 16.96 17.78

21.28 17.12 29.96

29.91 17.80 25.97

Table 5.3 Final vessel diameters, degree o f  vessel stenosis and restenotic tissue volume in the stented vessels o f  the 

restenosis models. These measures illustrate the higher propensity o f  the NIR and ‘simple ’ stents, compared with the S7 

stent, to cause in-stent restenosis. Stent design and stent vessel converge is clearly a major factor in restenosis. This is 

particularly evident in the focal nature o f  restenosis around the stent struts fo r  stimulus (iii) where although the restenosis 

volume is lower fo r  the ‘simple ’ stent design compared with the NIR stent, the localised formation o f  restenosis around the 

struts results in a lower minimum vessel diameter than the NIR stent.



5.5 Design and preclinical testing of stents

The stress analyses and the in-stent restenosis algorithm both illustrated the high 

dependence that restenosis has on stent design. Rigid laser cut stents, such as the NIR 

and the ‘simple’ stent designs, resist radial recoil and in doing so they cause injury to 

the vessel wall and subsequently restenosis as a response to that injury. The modular 

S7, on the other hand, is more flexible and therefore it retracts and bends to conforms 

to the vessel wall. This is due to the fact that the S7 has welds only at certain points. 

The S7 has 10 crowns in the circumference yet it only has two welds around the 

circumference and these welds are offset by 2.5 crowns along the axial direction of 

the stent, see Figure 5.2. The welds ensure that the stent has sufficient rigidity to resist 

collapse and maintain patency whilst the lack of welds between every strut allows 

flexibility and minimises vessel injury. The disadvantage of the modular stent is the 

presence o f welds, which are areas highly susceptible to fatigue and corrosion. To 

improve on existing modular stent designs it is recommended that the modular type 

stent geometry be laser cut from a complete cylinder to remove the need for welds but 

allow flexibility. This can easily be done and would incorporate the advantages of 

both types o f stent.

The localised formation of greatest restenosis at the ends of stents indicates the 

need for greater recoil of the stent at the ends. This can achieved by machining the 

stent geometry such that the struts get gradually thinner towards the end of the stent, 

thereby allowing greater recoil o f the stent at the ends. Further work to test this type 

of design could be carried out in future using the methodologies presented in this 

thesis. Work has already been carried out to test both the flow characteristics and the

Figure 5.2 The Medtronic S7 modular stent [Website 4], The red circles 

illustrate the position o f the welds on the front half o f the stent.
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magnitude of wall stresses in a vessel stented with a compliance matching stent [Berry 

et al., 2002]. This stent is more compliant at the ends and it has shown good in-vitro 

and in-vivo results reducing altered flow patterns at the ends of stents. However, this 

compliance matching stent has not been clinically tested and therefore it has not yet 

been shown to reduce restenosis.

The methodology established in this thesis can be used as a preclinical tool to 

test designs such as a ‘compliance matching stent’ or a laser cut modular stent to 

optimise the design before expensive time consuming clinical trials take place. This 

testing tool can also be further developed to incorporate drug coatings on the stent. 

The restenosis model uses temperature to represent cells and diffusion to simulate cell 

movement. Drug coatings could therefore be modelled in the in-stent restenosis 

simulation as a temperature sink on the surface of the stent. Clearly therefore, this 

testing methodology can be used to ascertain both the optimum biomechanical stent 

design to minimise injury and also the optimum stent design for drug delivery to the 

proliferating SMCs in the media and therefore prevent restenosis.

5.6 Achievements of this Study

The main achievement of this study is the development o f a preclinical testing tool 

that can be implemented in commercial finite element codes and used to predict the 

performance of cardiovascular stents, including the propensity for in-stent restenosis. 

The methodologies developed here have been tested on actual devices that have been 

used in clinical service. It is considered an advantage that the procedures can be used 

in engineering design by stent manufacturers, and provide a framework for including 

advances in geometric modelling and constitutive material modelling as they occur.

In addition to the development of this preclinical testing tool, hyperelastic 

constitutive models representing the mechanical properties of human femoral and 

porcine coronary arterial tissue have been developed which are based on both uniaxial 

and equibiaxial tensile test data. These constitutive models can now be used to 

preclinically test other intravascular devices using the finite element method.

Some of the novel experiments conducted were the fatigue tests on arterial 

tissue. From these tests, a relationship has been established between damage 

accumulation within arterial tissue and the stress level within the tissue. Although 

researchers [Ker and Zioupos, 1997] have previously established that damage
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accumulates under cyclic loading in tendons, no one has previously determined if this 

is also true for arterial tissue. This study has established that arterial tissue undergoes 

stress softening and therefore accumulates damage when subjected to cyclic loading 

and that this damage accumulates at a higher rate if  the stress level at which the tissue 

is cycled is increased. This finding may have implications in other intravascular 

procedures also such as at areas of elevated stress due to compliance mismatch in 

graft artery bypass junctions.
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6.1 Main results of this thesis

The aim of this thesis was to devise a means to preclinically test stent designs and to 

predict in-stent restenosis. Stress analyses were carried out on stented vessels and a 

restenosis algorithm was devised. These testing methods were applied to stent designs 

known to have different restenosis rates. The main conclusions of this study are as 

follows:

1. Damage accumulates within arterial tissue under cyclic loading and the rate of 

damage accumulation is dependent upon the mean stress level at which the 

cyclic loading is carried out.

2. By comparing the results of the simple prolapse study and in the 3D stented 

vessels to available clinical data, it was found that tissue prolapse within the 

struts of a stent may be a design feature of stents that can be minimised to 

prevent restenosis.

3. The in-stent restenosis algorithm would support the hypothesis that it is a 

combination o f damage, generated due to the maximum and minimum 

principal stresses induced within the artery wall, that acts as the stimulus for 

restenosis.

4. Because the in-stent restenosis algorithm based on stress/injury predicts 

higher restenosis for the NIR stent relative to the S7, it confirms the widely 

accepted view that in-stent restenosis has a biomechanical origin.

5. By comparison to clinical data available on the binary restenosis rates for the 

two commercially available stent designs (i.e. NIR and S7) to the prediction of 

restenosis with the algorithm, it has been seen that the in-stent restenosis 

correctly predicts the stent with the lowest propensity for restenosis. It also 

successfully predicts the pattern of in-stent restenosis whereby the greatest 

degree of restenosis occurs at the stent ends and concentrated around the stent 

struts. This algorithm can now be used to preclinically test new bare-metal 

stent designs to ascertain the optimum stent design to prevent restenosis.
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6.2 Future work

The work presented in this thesis on developing a preclinical test to determine the 

performance of different stent designs could be significantly enhanced in the future. 

The following recommendations are made:

1. Patient specific geometrical data o f stenosed arteries could be obtained from 

imaging techniques such as intravascular ultrasound (IVUS) or angiography. 

These realistic geometries could be used in simulations using the restenosis 

algorithm for different commercially available stents to determine the most 

suitable stent for a particular patient.

2. Further advances could be made to improve the accuracy o f the constitutive 

models used. IVUS imaging techniques could also be used to determine the 

specific material properties of the arterial tissue or plaque in a patient 

suffering from cardiovascular disease so that a suitable stent could be chosen 

to account for these properties. The material model could include the collagen 

fibre orientations and thereby incorporate the anisotropy of the tissue as has 

been done by Holzapfel et al. [2000]. Imaging techniques could be used to 

establish the fibre orientations in vivo and used to develop patient-specific 

anisotropic constitutive models.

3. The in-stent restenosis algorithm could be developed to simulate the effect of 

drug elution to reduce restenosis. Stent design in drug-eluting stents is 

important from a biomechanical point o f view but also to ensure even 

distribution of the drug within the lumen o f the vessel to prevent restenosis 

[Dubini et al., 2004].

4. The accuracy of the in-stent restenosis algorithm could be improved by 

including the influence o f altered blood flow patterns within the stented vessel 

on restenotic growth. The blood flow patterns within the vessel, and hence the 

haemodynamic wall shear stresses would alter due to the presence of the stent 

and also with increasing restenotic growth within the lumen of the vessel and 

could contribute to the onset and progression of the restenosis disease.

5. Further tests could be carried out in future to obtain additional fatigue data for 

arterial tissue that include tests carried out at an i?-ratio o f 0.67. These tests 

could be carried out to establish both circumferential and axial damage
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accumulation under tensile cyclic loading as well as radial damage 

accumulation under cyclic compressive loading.

6. Further arterial tissue testing could be performed to obtain a measure o f the 

residual stresses in coronary arteries and then incorporated into the preclinical 

testing tool. Measurements of in-situ coronary vessel prestretch could also be 

obtained and used to improve the accuracy of the finite element models. This 

could be done by comparing in-situ vessel lengths of coronary vessels to 

harvested vessel lengths.

7. More accurate values o f the diffusion coefficient and the constant relating the 

number of cells and the magnitude of damage, as well as the density of cells 

within restenotic tissue would contribute to more valid models. These values 

could be found from experimental tests o f deformable membranes seeded with 

smooth muscle cells and extracellular matrix or endothelial cells. These 

seeded membranes could be subjected to cyclic loading at elevated stress 

levels to determine the cell response. Tests o f this nature could obtain a range 

of values to input into the in-stent restenosis algorithm along with diffusion 

coefficients for drugs applied as stent coatings and their impact on cell 

activity. In addition, using cells obtained from different sources would allow 

for the variation in cell response between individuals to be accounted for or 

the cell response in different anatomical sites, e.g. peripheral versus coronary 

arteries.

8. In this study cell proliferation was modelled as directly proportional to the 

damage present in the artery as given in Eqns. 3.16 and 3.17. However, it may 

have been more realistic to relate damage to the proliferation rate as a function 

o f the cell concentration already present in the artery. Studies of 

mehanoregulation during tissue differentiation define the relationship between 

cell number and migration/diffusion as follows:

—  = KV^n + n P { S ) - n K { S )  
d t

where n is the cell concentration, P{S) is the proliferation rate as a function of 

the stimulus, S, and K{S) is the apoptosis rate as function o f stimulus [Kelly 

and Prendergast, in press].
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Preliminary tests were carried out as part of this thesis to represent cell 

migration and diffusion using the above equation but neglecting apoptosis. 

The results of the analysis illustrated that excessive proliferation occurs at the 

stent ends in a matter of a few days in models using this relationship and 

restenosis occurs prematurely, see Figure 6.1.

This preliminary study indicated that without further information on 

the complex relationship between damage and cell proliferation as well as 

apoptosis in arterial tissue after stenting that the study could not be advanced 

further. Future studies could include these relationships if  further cell studies 

are carried out to establish these complex biological processes more fully.
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Day 6 Only thrombus formation

Day 8 Restenosis formation at stent ends

Day 10 Complete restenosis at stent ends

Figure 6.1 Restenosis growth pattern and time frame when cell generation 

is proportional to cell concentration present.
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SUMMARY

Finite element analysis is a tool which can be used to 
determine the stress distribution caused by different 
stent designs within arteries. It has the potential to be the 
basis o f a preclinical testing methodology for new stent 
designs. In order for these simulations to be meaningful 
however the mechanical properties o f the arterial tissue 
need to be modelled realistically. We investigate if an 
isotropic model o f the artery wall can adequately 
represent the anisotropic nonlinear elastic characteristics 
o f arterial tissue in stenting procedures.

In this paper, an isotropic hyperelastic Mooney- 
Rivlin model is developed based on uniaxial and 
equibiaxial tensile measurements obtained from both 
human femoral and porcine coronary arterial segments. 
Finite element models of idealised arteries where the 
material is defined using the hyperelastic constitutive 
equations of the two different material types were 
developed. Comparisons between these models and 
experimental data from inflation tests on arteries, as well 
as the results o f a recently developed anisotropic model, 
were made to determine the applicability of the Mooney- 
Rivlin model for analysis o f stent designs.

Based on these comparisons we conclude that a 
Mooney-Rivlin model can be used to model the arterial 
tissue for stenting analyses because an initial axial 
stretch would always be present in arterial vessels. With 
such initial axial stresses the anisotropic model behaves 
in the same way as the isotropic material model whereby 
the artery retracts axially when subjected to a luminal 
pressure. It is therefore proposed that this less complex 
isotropic Mooney-Rivlin model may be used for 
comparative analyses of stents, as it still includes the key 
features o f stress stiffening that would not be simulated 
by a linear elastic material.

1. INTRODUCTION

Intravascular stents have been developed to maintain 
vessel patency after balloon angioplasty. The expanded

stent remains in the vessel as a buttress for the artery 
wall. It also scaffolds the atherosclerotic plaque. 
However, a stent may induce damage within the tissue 
and provoke a response by the vessel, ultimately causing 
restenosis o f the stented artery [1]. This is called ‘in
stent restenosis’. The loss o f patency o f the vessel is 
predominantly caused by tissue prolapse between the 
stent strut interstices and intimal hyperplasia within the 
vessel lumen [2]. The magnitude o f  in-stent restenosis 
has been found to be dependent on stent design [3].

Finite element analysis can be used to determine the 
stress caused to an artery by a stent. However before 
finite element analysis can be applied, an appropriate 
material model o f vascular tissue is necessary.

Arterial tissue has been found to be almost 
incompressible and as such is taken as incompressible 
for the purpose o f numerical modelling [4]. However 
studies o f the elastic response o f arteries have found that 
vessels display curvilinear orthotropy [5]. In addition, 
arteries undergo large non-linear deformations under 
loading that are almost completely recoverable, 
particularly in the preconditioned state existing in the 
vessel under cyclic loading in vivo [6].

A hyperelastic constitutive model may be used to 
represent the elastic behaviour o f incompressible, non
linear elastic materials undergoing finite deformations. 
Taking the strain energy density function of the material 
in terms of the principal stretches or the strain invariants 
and differentiating with respect to the appropriate strain 
component gives the corresponding sfress component. 
One general form o f the sfrain energy density function in 
terms o f the strain invariants, given by Maurel et al. [7] 
for an isotropic hyperelastic material is:

00
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where IV is the strain energy density function of the 
hyperelastic material, /i, I2 and I3 are the strain 
invariants and ayk are the hyperelastic constants. If the 
principal stretches o f the material are denoted Au kx and
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A}, then the strain invariants for the material may be 
defined as:

/] = A] +  ^2 + <̂3 ^

12 “  ^1 ^ '^2 ^ ^3 ^

/ s  ~  ^^2^3 •

/3 =  1 for an incom pressible material [7]. M any strain 
energy functions have been formulated to model 
incom pressible hyperelastic materials. Som e o f  these are 
summarised below:

M ooney-R ivlin  [8]

00

. / 2 ) =  X  "'j -  3 ) ”  ( / 2  - 3 ) ” , «00 =  0
i,J=0

V ito [9]

k s 4

= X * k ( / i - 3 ) ' ‘
k = l

where bjt is a material constant.

Ogden [10]

=  +  V '  + V '  - 3 )
p=i

where and a p  are material constants.

Fung [6]

1  ̂ ^

i , j , k , l= l  m ,n , p ,q = l

3 j  3

«  = + ....
i , j= l  i J , U = l

where E  is the Green-Lagrange strain tensor. This model 
also applies to an anisotropic hyperelastic material. (For 
further strain energy density functions, see [7]).

The experim ental parameters o f  these m odels, and 
many similar ones, have been obtained from uniaxial 
and biaxial tensile tests o f  arterial tissue. H ow ever the 
application o f  these m odels to computational m odels o f  
cardiovascular stenting and angioplasty procedures is 
very limited. M any o f  the computational m odels to-date 
represent the vascular w all as linear elastic [11, 12] or 
isotropic hyperelastic [13], and only one study has 
m odelled the vessel as an anisotropic hyperelastic 
material [14].

1.1 M ooney-Rivlin model

Uniaxial Compression Hydrostatic Tension EqnibiaxialTension

Figure 1 Equivalent modes o f deformation for an 
incompressible material [15].

In this paper w e aim to investigate the applicability o f  
the M ooney-R ivlin  hyperelastic m odel when used to 
sim ulate the artery behaviour. The advantage o f  using a 
M ooney-R ivlin  m odel to generate preclinical testing  
m odels is the w ide availability o f  this m odel, or a 
derivative o f  it, in com m ercial finite elem ent analysis 
software codes and the ease o f  im plementation o f  such a 
m odel once appropriate experim ental data is available. 
The best deformation m odes for testing to determine the 
constants in a M ooney-R ivlin m odel are those that are 
the dominant m odes o f  deform ation in the application o f  
interest. A  stented vessel undergoes primarily uniaxial 
and biaxial tension and uniaxial com pression; how ever  
for an isotropic and incom pressible material uniaxial 
com pression is defined by the equibiaxial tension  
deformation m ode, see Fig. 1. Therefore it is not 
necessary to test the tissue in uniaxial com pression if  
equibiaxial tension tests are carried out. A s a result an 
accurate M ooney-R ivlin m odel for arterial tissue in 
cardiovascular stenting applications w ould be a 
constitutive equation based on fitting best-fit curves to 
experim ental data from uniaxial tension and equibiaxial 
tension tests.

M any forms o f  the generalized M ooney-R ivlin  m odel 
are available in com m ercial finite elem ent analysis 
packages. In fact, the sfrain energy function fF, given  by 
M ooney [8], can be expanded to obtain the special cases  
o f  the tw o, five or nine-parameter strain energy density  
frinctions [15]:

fF =  a , o ( / , - 3 ) + a o , ( / 2 - 3 )

fF = f l , o ( / , - 3 ) + a o , ( / 2 - 3 ) + a 2 o ( / , - 3 ) '

+ f l „ ( / , - 3 X / 2 - 3 ) + « 0 2 ( / 2 - 3 ) '

ff̂  = a , o ( / , - 3 ) + a o , ( / 2 - 3 ) + a 2 o ( / , - 3 ) '

+ «ll(^l ~ 3)+002(^2 ~ 3)̂

+ a 3 o ( / , - 3 ) ' + « 2 i ( / i - 3 ) ' ( / 2 - 3 )

+ «12( / i - 3 X / 2 - 3 ) ' + « 0 3 ( / 2 - 3 ) '

T hese equations represent first, second, and third 
order m odels respectively. W hen the first order m odel is 
reduced to  fV =  a,o(A - 3 ) it is called the neo-H ookean  
form o f  the strain energy function and it is the sim plest 
hyperelastic constitutive m odel [16].  The deformation  
m odes o f  a hyperelastic material, which are highly non-



linear, can be more accurately modelled as the order of 
the expression for )V is increased. When a suitable form 
o f the strain-energy function is chosen, the parameters ajj 
are found by non-linear regression.

Many of the hyperelastic models available in 
commercial finite element analysis codes are special 
cases o f the Mooney-Rivlin nine-parameter model, such 
as the third order model used by Hayashi and Imai [13].

It is known however that the assumption if isotropy 
for arterial tissue may lead to errors in the analysis o f the 
inflation response of vessels. The objective of this study 
is therefore to determine the applicability o f the 
Mooney-Rivlin approach or more specifically the third 
order deformation constitutive model, when established 
based on both uniaxial and equibiaxial tensile test data 
obtained from human femoral arterial tissue and porcine 
coronary arterial segments (to the application o f stent 
design analyses).

To achieve this objective the following deformation 
plots were generated; for a constant axial load, (a) the 
internal pressure versus circumferential stretch and (b) 
the internal pressure versus axial stretch using finite 
element analysis o f a cylinder, where the material was 
defined using the hyperelastic constitutive equations 
established from the uniaxial and equibiaxial 
experimental data. The results are then compared to 
experimental data and the analytical data o f Ogden and 
Schulze-Bauer [17] for an anisotropic hyperelastic thin- 
walled membrane model.

Although the isotropic material model may not 
represent the arterial tissue exactly, it is proposed that if 
it is established based on experimental data o f the 
deformation modes of interest that it may be used to 
model arterial tissue in applications where the tissue has 
an initial prestretch as is the case in stenting procedures.

2. METHODS

2.1 Arterial tissue mechanical tests

Human coronary arteries were not obtained for testing, 
as the coronary artery is necessary for the embalming 
process of cadavers and harvesting the coronary arteries 
is a complicated surgical procedure that requires 
extensive dissecdon [18]. The porcine coronary system 
is the same in most respects to that o f humans and is the 
most similar animal circulatory system in both anatomy 
and function to that o f the human circulatory system 
[19]. As a result the porcine coronary artery was chosen 
as the test tissue type to determine the approximate 
tissue properties for healthy human coronary arterial 
tissue. Aged human femoral arteries were also tested for 
comparison as they can easily be obtained from cadavers 
and are vessels prone to atherosclerosis in the same way 
as the human coronary arteries. The sizes o f the test 
specimens that can be obtained from human femoral 
arterial tissue are larger than those that can be obtained

from porcine coronary arteries and therefore a different 
test protocol was developed for each tissue type.
2.1.1 Porcine coronary arterial tissue tests

Porcine left, right and circumflex coronary arteries, 
which lie on the surface of the heart, were harvested 
from the hearts of adult pigs and tested in the following 
experiments.

The arterial tissue samples were stored in antibiotic 
solution at 4°C prior to testing. All samples were 
prepared under sterile conditions, and any visible 
connective tissue was removed from the surface o f the 
vessel before it was cut along its length, pressed flat, and 
sectioned. Lengths of tissue were prepared for uniaxial 
testing and areas o f 5 mm square were prepared for 
biaxial testing. The thickness of each sample was 
measured after mounting the test specimen on a glass 
slide and by viewing the edge o f the sample under a 
microscope. The tissue thickness was recorded at three 
different locations along the edge of the sample and an 
average taken.

2.1.1.1 Uniaxial tissue tests

Pneumatic grips, the gripping faces o f which were 
covered with emery paper to prevent specimen slippage, 
were mounted on a Zwick Z005 displacement controlled 
tensile testing machine to grip the arterial tissue in 
uniaxial tension. Specimens were longitudinal in the in 
vivo orientation and each test section was cut to a width 
o f 3.5 mm using a custom made cutter comprising of 
two scalpel blades 3.5 mm apart. Extension o f the 
specimen was taken to be the crosshead displacement. 
Five preconditioning cycles were performed before the 
tissue was tested to failure. A strain rate o f 60%/min, of 
the initial gauge length prior to preconditioning, was 
used to test the sample to failure after the 
preconditioning cycles. The test specimens were 
maintained moist throughout the test with 0.9% saline 
solufion.

2.1.1.2 Biaxial tissue tests

The biaxial loading device consists o f a balanced set of 
levers which ensures equal force is applied to the four 
sides of a square test specimen, as reported earlier [20].

Test specimens, 5 mm square, were cut using a cutter 
comprising of two scalpel blades 5 mm apart. Each 
sample was marked using vegetable dye to indicate its in 
vivo circumferential/longitudinal orientation. For 
biaxial testing, dots were printed on the inner surface of 
the blood vessel using a pin and water resistant, oil- 
based, quick drying ink to enable strain measurement 
using image analysis. In the case of the porcine coronary 
artery specimens the loading bracket of the biaxial 
device fransferred the loads from the line to the 
specimen via threads with fishing hooks attached, see 
Fig. 2. A specially designed gripping jig  was used to
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Figure 2 Porcine coronary artery test specimens were
gripped with fishing hooks, four on each side. The four 

dots shown are used for strain measurement.

ensure that the hooics were placed an even distance apart 
when gripping the small tissue specimens.

Five preconditioning cycles were performed after 
which the tissue was loaded at a constant strain rate of 
60%/min of the initial gauge length and stopped when 
the tissue began to tear at the fishing hooks. The test 
specimens were moistened throughout the test with 
0.9% saline solution.

A high-resolution colour digital camera (JAl CV- 
950, Vortex Vision, UK) mounted above the test 
specimen was used to take an image o f the tissue every 
second during the test. Each image was thresholded in 
Scion Image (Maryland, USA) and the vertical and 
horizontal distance between two pairs o f central markers 
was determined for each image. The strain o f the tissue 
in the principal directions was then determined from the 
increase in distance between the markers on the 
specimen, in both the vertical and horizontal directions, 
from picture to picture as the load increased. The gauge 
length for stress and strain calculations was taken as the 
distance between the hooks in the direction orthogonal 
to the loading direction and an average value was found 
for the two principal directions using image analysis. 
For the biaxial tests, to obtain the parameters of the 
Mooney-Rivlin models, it was necessary to establish just 
one biaxial stress-stretch curve since the Mooney-Rivlin 
model assumes the material to be isofropic -  therefore 
an average stress-stretch curve was determined from the 
stress-stretch curves in both the circimiferential and 
longitudinal directions.

2.1.2 Human fem oral arterial tissue tests

The method used for testing the human femoral arterial 
tissue in uniaxial and biaxial tension has been reported 
earlier [20], Briefly, it comprises harvesting and storing 
the human femoral arterial tissue, preparing longitudinal 
strips o f tissue for uniaxial testing and square specimens 
for equibiaxial testing as described above. The uniaxial

Figure 3 Human femoral artery test specimens were 
gripped with crocodile grips, with screws added to 

the clamps to grip the specimens. The markers 
shown were used for strain measurement.

tissue specimens were gripped between stainless steel 
grips and the gripping of the biaxial samples was done 
with crocodile grips (Fig. 3), which were deemed 
suitable for the larger biaxial tissue samples, i.e. 25 mm 
square. The tissue specimens in all o f the tests were 
tested to failure.

2.2 C onstitutive modelling

A third order deformation model, a specific form o f the 
nine-parameter Mooney-Rivlin hyperelastic material 
model is available in MARC/mentat (MscSoftware, 
Santa Ana, CA, USA) along with a non-linear regression 
routine to determine the parameters, Oy, o f this third 
order model. It is given by the following equation:

F=a,o(/,-3)+aoi(^2-3)+«2o(A-3f

+a,,{/i-3X/2-3)+a3o(/i-3)'
E q n .(l)

In some cases it may be foimd that the predicted non
linear elasticity is unaffected by a particular parameter 
and therefore that parameter is redundant and may be set 
to zero. However, the final set o f parameters must satisfy 
the requirement for positive definiteness o f  the elastic 
behaviour, and these conditions can be violated if 
insufficient data is used in the regression [21],

It is worth noting that if uniaxial data alone were 
used to determine the hyperelastic constitutive equation, 
the predicted biaxial stress-stretch relationship o f the 
material could be totally unlike that which would occur 
in vivo. This can be explained by the fact that one 
hyperelastic constitutive equation describes all modes of 
deformation of the hyperelastic material and although it 
may be determined based on only one mode of 
deformation it also predicts the other modes of 
deformation.

This is illustrated in Fig. 4, where the constants o f 
the hyperelastic constitutive equation were established
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Figure 4 Uniaxial and equibiaxial experimental data curves 
for human femoral arterial tissue and the regression curve fit 

using only the uniaxial stress-stretch curve shown.

based on the uniaxial stress-stretch data shown using the 
non-linear regression routine available in 
MARC/mentat. Although the curve fit predicts the 
uniaxial behaviour precisely, the biaxial behaviour is 
totally unrealistic. It is necessary to ensure that the 
stress-strain curves continue to be positive definite 
within the range o f experimental data obtained and on 
extrapolation beyond the experimental data. This is 
clearly not the case for the hyperelastic constitutive 
model shown in Fig. 4.

Therefore, by obtaining a curve that is a best fit to 
both the uniaxial and the biaxial stress-stretch data and 
ensuring that it is positive definite, one hyperelastic 
constitutive equation can be obtained which most 
accurately represents the uniaxial and biaxial stress- 
stretch properties o f the arterial tissue.

2.3 Finite elem ent inodelling

Finite element models o f an idealized artery, represented 
by a cylinder, were generated to determine the 
deformation characteristics of the two materials defined 
by the experimental data. The dimensions of the cylinder 
were the following: an outside diameter o f 4 mm, 
length o f 10 mm and wall thickness o f 0.5 mm. Eight- 
node, isoparametric, arbitrary hexahedral elements were 
used. The loading conditions which were applied to an 
intact artery, given in Ogden and Schulze-Bauer [10], 
were reproduced in the finite element models. One end 
o f the vessel was fixed in the axial direction and a 
constant axial load was applied by means o f a rigid 
contact body at the other end to ensure uniform 
application o f the axial load. The axial load ranged from 
0 to 9.9 N. Circumferential constraints were applied to 
the vessel at the four quadrant points at both ends of the 
vessel to ensure uniform expansion o f the vessel. A 
luminal pressure was applied ranging from 0 kPa to 35 
kPa.
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Figure 5 Uniaxial stress-stretch data (solid lines, n=20) 
for porcine coronary arterial tissue and the regression 

curve fit to the data (dashed line).

3. RESULTS

3.1 Arterial tissue m echanical tests and hyperelastic 
constitutive equations

3.1.1 Porcine coronary artery

The uniaxial stress-stretch data obtained for the porcine 
coronary tissue samples clearly illustrate the non-linear 
stress-stretch characteristics o f  arterial tissue, see Fig. 5. 
There is a great deal o f variation in the stress-stretch 
data particularly in the initial stretch o f the tissue after 
preconditioning. However the final slopes o f the curves, 
which represent the stiffness o f the tissue once all of the 
collagen fibres have been recruited, along with the 
elastin, to bear the load [22], are not at all dissimilar.
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Figure 6 Biaxial stress-stretch data (solid lines, n=8) 
for porcine coronary arterial tissue and the regression 

curve fit to the data (dashed line)
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Using a single central lying curve from each set of 
data to represent the uniaxial and biaxial data the 
hyperelastic constants were obtained for a best fit to this 
uniaxial and biaxial data, shown in Table 1. The uniaxial 
regression curve fit is shown in Fig. 5 as a dashed line 
and it can be seen that it represents the majority of 
uniaxial data reasonably well.

The equibiaxial experimental data for the porcine 
coronary test specimens again shows nonlinear stress- 
stretch characteristics (Fig. 6). However the tissue is 
clearly stiffer in equibiaxial tension than in uniaxial 
tension.

The regression curve fit to the biaxial data (dashed 
line), also shown in Fig. 6, indicates a good fit to the 
biaxial data especially at higher values of stretch.

3.1.2 Human coronary artery

The uniaxial and equibiaxial data obtained for the 
human femoral arterial tissue are shown in [20] and also 
given in Fig. 7 with additional stress-stretch data given 
here. The same characteristics are seen for this arterial 
tissue whereby the tissue is stiffer in equibiaxial tension 
than in uniaxial tension alone. The regression curve fits 
the uniaxial data very well. The biaxial data shows a 
great deal o f variation, however the biaxial curve fit can 
be seen to fit one set of biaxial experimental data very 
well.

The hyperelastic constants o f Eqn. (1) above, found 
to best fit the experimental data for each tissue type, are 
given below in Table 1. To ensure positive definiteness, 
the hyperelastic constants had to be restricted to positive 
values only.
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Figure 7 Uniaxial and biaxial stress-stretch data (solid 
lines) for hum an femoral arterial tissue and the regression 

curve fit to the data (dashed lines)

Porcine coronary artery 
param eters

(kPa)

Hum an femoral artery 
param eters

(kPa)

7.31 18.90

O o l 12.99 2.75

£>20
845.15 590.42

a n
0 857.18

^ 3 0
825.46 0

Table 1 Hyperelastic constants to describe hum an femoral and 
porcine coronary tissue using the third order 

deform ation hyperelastic m aterial m odel

3.2 F inite Element models

Using the FE model o f an idealised artery the 
circumferential and axial stretch o f the vessel with a 
constant axial load o f varying magnitude were 
determined as the luminal pressure increased from 0 to 
35 kPa. This is identical to the loading mode applied by 
Ogden and Schulze-Bauer [17] both experimentally and 
to their model that had anisotropic properties.

The luminal pressure versus the circumferential 
stretch in the model with the material properties based 
on those for porcine coronary arterial tissue illustrate 
that as the axial load is increased the tissue becomes 
stiffer, see Fig. 8.

The non-linear response of the artery wall is clearly 
seen where no axial load is applied to the ends o f the 
vessel whereby the artery is initially o f lower stiffness 
than at higher values o f luminal pressure. However with 
an axial load o f 9.9 N applied, the vessel experiences 
very little deformation in the circumferential direction as 
the pressure increases because the tissue is so stiff.

The axial stretch however decreases, i.e. the vessel 
shortens, as the luminal pressure increases, as shown in 
Fig. 9. This is due to the circumferential expansion of 
the artery and the nature of the material, which is 
incompressible and isotropic. As the load increases 
however the axial sfretch alters very little for the given 
increase in luminal pressure, illustrating the stiffening of 
the vessel material in the axial direction when the vessel 
is subjected to an axial load.

The same stiffening features are evident when the 
circumferential and axial stretch are plotted versus the 
applied luminal pressure, where the artery material is 
defined by the hyperelastic constitutive equation 
established from the human femoral arterial tissue, see 
Figs. 10 and 11.
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Figure 9 Dependence o f axial stretch on internal 
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Figure 10 Dependence o f circumferential stretch on internal 
pressure, as a function o f axial load 
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Figure 11 Dependence o f axial stretch on internal 
pressure, as a function o f axial load 

(human femoral tissue)

4. DISCUSSION

The arterial tissue modelled using the porcine coronary 
arterial test data is stiffer than that of the human femoral 
artery model as was seen in the experimental data. This 
is evident also in the finite element models where the 
circumferential stretch is lower and the axial stretch 
higher, for the greatest axial load applied, in the human 
material model compared with the porcine coronary 
model. This would be expected, as the coronary artery is 
a more muscular vessel than the femoral artery.

Previous experimental observations of the 
deformation characteristics o f an artery with an applied 
constant axial load have yielded some similar and some 
differing results to that which we see for our hyperelastic 
isotropic materials in the finite element models. The 
experimental data and the anisotropic model in [17] 
showed similar results for the relationship between the 
circumferential stretch and the internal pressure applied. 
However, the axial stretch was initially found to increase 
(rather than decrease) on application of an internal 
pressure for low values of axial load, see Fig. 12.
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Figure 12 Dependence o f axial stretch on internal pressure, as 
a ftinction o f  axial load for an intact human iliac artery, taken 

from Ogden and Schulze-Bauer [17]
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In fact an inversion point was found in the axial 
stretch versus internal pressure plot whereby the axial 
stretch remained constant with increasing internal 
pressure at a particular value o f the axial load. For all 
axial loads below this critical value the artery elongated 
as the internal pressure increased and retracted for axial 
loads greater than this critical value, see Fig. 12.

Ogden and Schulze Bauer [17] found the value of the 
inversion point to be between 1.07 and 1.25 for the 
arteries tested, with the exception o f one, for which a 
value o f 1.53 was recorded, which is shown in Fig. 12. 
This characteristic o f arteries whereby the artery 
elongates axially at low values o f luminal pressure has 
been seen previously in experimental tests [23, 24]. It 
has been proposed by Weizsacker et al. [23] that this 
critical value o f axial stretch is in fact the in situ length 
o f the vessel, as it was found to be very close to the in 
situ length o f the vessel under average physiological 
conditions o f the vessel.

The Mooney-Rivlin model detailed in this paper does 
not include this characteristic o f the deformation of 
arteries observed in vitro, therefore it can be asked 
whether or not it can be legitimately used in simulations 
o f cardiovascular stenting procedures. However, for all 
simulations o f stenting procedures the longitudinal 
tethering of the vessel would have to be simulated. This 
is achieved by applying an axial prestretch o f 1.2 to 
replicate the initial stretch in the coronary artery wall. 
Although this is below the value o f 1.53, found for the 
iliac artery shown in Fig. 12, it is in the range o f the 
average values for the inversion points obtained by 
Ogden and Schulze-Bauer [17]. By applying this value 
o f prestretch and thereby simulating the in situ length of 
the vessel the artery would behave as modelled by the 
isotropic hyperelastic model and only deform in the 
manner that the experimental and anisotropic model do 
when they are above the critical axial stretch value.

The other difference between the model data shown 
here and that o f the anisotropic model is the magnitudes 
o f the deformations under the same internal pressure 
applied. The magnitudes of the deformations are lower 
using the models described in this paper compared with 
those in [17], The dimensions o f  the vessels tested 
experimentally are not given in [17] and hence the 
dimensions o f the idealised vessel modelled may be far 
from that o f the iliac artery tested. In addition the 
healthy human iliac artery would be more elastic than 
the muscular porcine coronary artery and the less elastic 
atherosclerotic human femoral artery tested here.

Material test data is widely available on many human 
arterial tissue types, however it is primarily lunited to 
uniaxial data. In addition, very little test data has been 
published on the vessel of most interest in terms of 
cardiovascular stenting, the human coronary artery. In 
fact, the only available data are the results from uniaxial 
tensile tests carried out on segments o f human coronary 
arteries [25] and a test, which investigates the 
relationship between lumen pressure and axial and 
circumferential strain for an intact coronary artery, for

three fixed values o f axial extension [26]. Although tests 
which have been carried out on intact arteries offer 
valuable information on the deformation modes of 
arteries in vivo they cannot easily be used to define the 
constitutive model parameters within any currently 
available numerical material model. In addition, test data 
available, although very limited, has shown that the 
porcine coronary artery has very similar mechanical 
properties to the human coronary artery [26].

5. CONCLUSIONS

It is necessary to define the isotropic Mooney-Rivlin 
constitutive model based on both the uniaxial and 
biaxial deformation modes to ensure realistic 
deformation in a stented vessel. Certain differences are 
found between the deformation characteristics o f a 
vessel simulated using an isotropic model and that using 
an anisotropic model; namely axial contraction on 
inflation at low luminal pressure. However the isotropic 
and anisotropic models are found to behave in a similar 
manner if the axial stretch is higher than some critical 
value. This critical value is generally below that which is 
applied initially in computational models to simulate the 
in vivo stretch conditions. Therefore, in respect o f the 
phenomenon o f vessel elongation during increasing 
luminal pressure, this is not expected to be a critical 
issue in stress analysis o f stented vessels. Therefore an 
isotropic Mooney-Rivlin hyperelastic model, established 
based on both uniaxial and equibiaxial tensile test data, 
may be used for analysis of cardiovascular stents to 
determine the stress distribution and hence tissue 
responses within stented vessels.
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Appendix B

Preparation Of 

Antibiotic Solution Protocol
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The antibiotic solution should be prepared before the tissue samples are harvested and stored at 4°C. 

Every effort should be made to ensure that the antibiotic solution is sufficiently chilled before being 

used to store the samples.

Equipment and ingredients required for the implementation of the protocol

Gloves, eye protection, disposable apron 

Plastic Graduated cylinder -  1000 ml with spout 

Plastic container- 1000 ml capacity 

pH colour coded paper 

Spatula or m agnetic stirrer

Normal Saline at 0.9 % - 5 0 0 ml

Gentamicin sulphate -  100 mg

M etronidazole -  100 mg

Flucloxacillin or cloxacillin -  100 mg

Procedure

1. 500 ml o f  0.9 % saline solution is prepared.

2. 100 mg o f  Gentamicin, 100 mg o f  M etronidazole and 100 mg o f  Flucloxacillin is added to the 

500 ml 0.9%  saline solution.

3. Antibiotic solution is thoroughly mixed/stirred for 15 minutes.

4. pH o f  solution is m easured using pH paper and noted.

5. Antibiotic solution is poured into plastic container (1000 ml capacity) and sealed.

6. Plastic container is labelled, time, date and content.
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7. Container is placed in a laboratory refrigerator and maintained at a constant temperature o f 4 °C.

8. Graduated cylinder, spatula and workbench are thoroughly cleaned.

9. Any remaining ingredients are stored away for further use.

The specimens should be stored in the antibiotic solution, in plastic sealed containers and 

transported to a refrigerator. The specimens should be used in mechanical testing within 3-6 weeks 

o f preservation.

190



Appendix C

Mesh Convergence for Models of Tissue
Prolapse
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Four mesh densities were analysed for one of the stent designs (the Velocity Stent). 

The peak stress was determined in each case. It was found that eight elements through 

the thickness of the vessel was an adequate mesh density. The maximum prolapse did 

not alter for any of the mesh densities shown, see Figure A.l below.
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Figure A .l Peak stress V5. mesh type.

Mesh type 1: 4 elements through vessel wall;

Mesh type 2: 8 elements through vessel wall;

Mesh type 3: 12 elements through vessel wall;

Mesh type 4: 12 elements through vessel wall, with double 

the mesh density shown in Figure 3.9.
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Appendix D

Application Of Symmetry To The 
Stenting Procedures
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The following appendix explores the use of symmetry conditions to simulate a 

stenting procedure. An artery stented with a NIR stent design is simulated. The NIR 

stent design has 7 repeating units in the circumference. It was necessary to initially 

carry out the stenting procedure in a complete vessel so as to ascertain the suitability 

of using a segment o f the vessel and symmetry constraints to adequately model the 

full stented vessel. The stenting procedure was generated using the method outlined in 

Section 3.5.3. The complete vessel was simulated along with the complete 7-unit NIR 

stent, see Figure D .l. The stent scaffolds open the vessel thereby radially displacing 

the vessel wall. The magnitude if the radial displacement of the vessel wall for the 

complete stented vessel is shown in Figure D.2(a). The radial displacements in one 

seventh segment of the complete vessel wall is also shown in Figure D.2(b) and 

Figure D.2(c). These illustrate the radial displacement o f the vessel wall by the stent 

for each circumferentially repeating segment o f the stenting procedure.

Figure D .l Deformed geometry o f complete NIR stented vessel.

194



0.25

0.225

0.175

0.15

0.125

0.075

0.05

0.025

Figure D.2 Full NIR stented vessel (a) radial displacements in complete 

vessel, radial displacement in one seventh segment o f the complete stented 

vessel, (h) isometric view and (c) end view.

The stented vessel was then represented by one seventh segment o f the vessel 

wall and one seventh segment of the stent. Boundary conditions were applied in a 

similar manner to the complete stent procedure, however planar symmetry constraints 

were applied to the symmetry planes as shown in Figure D.3(b). The radial 

displacements that resulted in the segment of the vessel in the simulated stenting 

procedure are shown in Figure D.3.
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Figure D.3 Radial displacements in NIR stented one seventh vessel segment 

using planar symmetry constraints, (a) isometric view and (b) end view.
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Figure D.4 Radial displacements in NIR stented vessel; one seventh segment 

using cyclic symmetry constraints, (a) isometric view and (b) end view.

The stented vessel was also represented by one seventh segment of the vessel 

wall and one seventh segment of the stent, however, cyclic symmetry constraints were 

applied to the symmetry planes. The cyclic symmetry capability is available in 

Marc/Mentat and has the ability to tie/couple two symmetry faces of a segment of a 

cylindrical model. The radial displacements that resulted in the vessel segment of the 

stenting procedure using cyclic symmetry constraints are shown in Figure D.4.

It is clear, by comparing of the radial displacements for the two symmetry 

models to that of the complete model, that only by applying cyclic symmetry 

constraints can the complete model be represented accurately. The failure of the 

planar symmetry constraints to model the stenting procedure is the assumption that 

the vessel is also symmetric in the axial direction and therefore no out of plane motion 

will occur, however this is clearly not the case for the complex designs of the S7 and 

the NIR stents. Clearly planar constraints are inadequate at representing the complex 

interaction between the stent and the artery and the stenting procedure can only be 

simplified to a segment o f the stent and vessel if  cyclic symmetry constraints are used.
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