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Summary

The use of s ten ting  in peripheral a r te ries  has been  limited by ra te s  of in -s ten t  res tenosis  and  s te n t  

f rac tu re  considerably higher th a n  seen  in coronary  ar teries.  Traditional balloon expandable  

s tainless s teel s te n ts  w ere  found  to  be incompatible in fem oral and popliteal ar te ries .  The change 

to  m ore  flexible nitinol s te n ts  saw  an im provem ent in res tenosis  rates ,  bu t  o u tc o m es  w ere  still 

p oo r  com pared  with coronary  s ten ts .  The adven t  of drug eluting s ten ts ,  which decreased  

res tenosis  ra tes  in coronary  arteries,  has ye t  to  result in significant im p ro v e m en t  in peripheral 

ar te ries .  Artery m ovem ent ,  caused  by joint flexion, has long b ee n  th o u g h t  of as a major 

contribu to ry  factor of th e  high restenosis ra tes  se en  in periphera l arteries.  However, this 

hypothesis  has n o t  been  ad e q u a te ly  assessed, and th e re  a re  o th e r  factors which could contribu te  

to  th e  poor  perfo rm ance  of peripheral s ten ts .  The material p roper t ie s  and  g eo m etr ie s  of th e  

coronary  and  peripheral a r te r ies  are  different, and  th e  s te n t  types  are  now  d ifferen t too .  This 

could affect o u tc o m es  by inducing higher s tres ses  in peripheral ar te ries ,  o r  by raising th e  

probability of fatigue failure of th e  stent.

The principal hypothesis  of this thesis  is th a t  th e  a r te ry  de fo rm ation  caused  by th e  mechanical 

en v i ro n m en t  of peripheral ar te r ies  causes (i) higher s tresses  and th u s  m ore  injury and restenosis  

in th e  a r te ry  and (ii) s te n t  fatigue fracture. To rigorously te s t  this hypothesis ,  a n u m b e r  of s tudies  

w e re  required .  To fully un d ers ta n d  th e  d ifferences b e tw e en  coronary  and peripheral arteries, 

mechanical and biochemical analyses w ere  under taken  on th e  tw o  ar te ry  types. As hum an  

ar te r ies  w e re  no t  available, porcine ar te r ies  w ere  used  instead. As expec ted ,  it w as found th a t  the  

com posit ion  of th e  a r te ries  influences th e  materia l behaviour. While relative d ifferences in 

m echanica l behaviour of coronary  and  peripheral ar te ries  w ere  similar in porcine te s ts  com pared  

with published hum an d a ta ,  im portan t  d ifferences do exist. As porcine a r te r ies  are  used  as a 

su b s t i tu te  for hum an  arte r ies  in m any studies, including pre-clinical trials, th e  conseq u e n ces  of 

this  w ere  investigated in relation to  stenting . Finite e lem e n t  m odels  w e re  c rea ted  of s te n t  

d e p lo y m e n t  in porcine and coronary  arteries.  The less stiff porcine ar te r ies  w ere  pred ic ted  to  

have  low er s tresses  induced, and  to  cause less recoil of th e  s te n t  th a n  hum an  arte ries .  The 

influence of s te n t  design, in te rm s  of th e  d ifferences in p red ic ted  arterial s tres ses  following 

im plan ta tion ,  w as m ore ev ident in hum an  arte ries .  This may explain why som e animal trials fail to  

d if fe ren t ia te  b e tw e e n  s te n ts  in th e  sa m e  w ay th a t  random ised  hu m a n  trials do.



Finite e lem ent m odels w ere also used to  investigate the differences betw een coronary and 

peripheral stenting, o ther than th e  mechanical environm ent, which could cause higher rates of 

restenosis. It was found th a t using a nitinol stent in a peripheral artery induced low er arterial 

stresses than using a stainless steel stent in a coronary artery. How ever, the m ore distensible 

peripheral artery and stent lead to  a g rea ter change in d iam eter caused by the pulse of blood 

pressure. For th e  models considered, fatigue failure was not predicted. However, in oversized 

stents, this factor becomes m ore significant, and could be im portan t in conjunction w ith  o ther  

influences, such as the mechanical environm ent.

Bending and compression of th e  artery w ere  modelled using data obtained from  angiographic 

studies. Appropriate boundary conditions w ere  applied to  the artery and the arterial stresses and 

stent strains w ere  measured. Bending was predicted to  cause higher stresses in the artery, in 

particular th e  intim a. The probability o f stent fatigue also became significant. Compression o f the  

artery also raised th e  strain am plitude, and thus likelihood of fatigue failure, in the stents.

The w ork presented here corroborates the hypothesis th a t it is the mechanical environm ent 

caused by jo in t flexion th a t is the prim ary cause of high rates of restenosis and stent fracture seen 

in peripheral arteries. It is dem onstrated th a t stent design is an im portant factor in this, and 

fu rth er w ork in this area could lead to  im proved results in peripheral stenting. Furtherm ore, the  

fin ite  e lem ent models presented are suggested as a valuable pre-clinical tool for testing and 

comparing stent designs when used in conjunction w ith  mechanical testing and pre-clinical animal 

trials.
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1.1 Background

Cardiovascular disease (CVD) is the leading cause of death in America, accounting for 35.3% of all 

dea ths in 2005 [Lloyd-Jones e t  al. 2009]. Atherosclerosis is a form of CVD tha t  is characterised by a 

hardening and thickening of the arteries the results in a reduction in the lumen area. This can lead 

to  heart attacks or strokes, and accounts for up to th ree  quarters  of CVD related dea ths  [Lloyd- 

Jones e t  al. 2009]. Atherosclerosis is essentially an inflammatory response of the  arteries caused 

by an excess of low-density lipoprotein (LDL), or cholesterol, within the artery wall. These LDLs are 

ingested by macrophages, which along with T-lymphocytes, form a fatty streak. This, in turn, 

develops into a plaque [Libby 2002].

Once a plaque is formed, it progresses by remodelling. Although most plaque growth is outwards, 

if the plaque grows inwards it can narrow the vessel lumen and restrict blood-flow. This 

remodelling is accompanied by the  formation of a fibrous cap over the  lipid core. This cap 

separates the fatty core from the blood flow. If this cap ruptures, a th rom bus can be formed, 

which has the  potential to block blood flow, either at the site of the  plaque or further 

downstream. This can lead to a heart attack or a stroke.

Until recently, the  most common way of restoring blood flow was to  bypass the  affected artery by 

performing Coronary Artery Bypass Grafting (CABG). Although the success rates for CABG are 

excellent, the  recovery time for the patient can be long. More minimally invasive procedures to 

restore blood flow to the  arteries ra ther than bypass them  have become increasingly popular over 

the past 20 years.

Balloon angioplasty involves the insertion of a PVC or nylon balloon, m ounted on a catheter, into 

the coronary system, usually through the femoral artery. The balloon is guided to the target area 

by the cardiologist, using guide wires. A pressure is then applied to force saline solution into the 

balloon, causing it to unfold and expand. This increases the  d iam eter of th e  artery, restoring 

blood flow. The balloon is then deflated and removed.

In 2006, over 1.3 million percutaneous coronary interventions (PCI) and 1.1 million cardiac 

catheterisations were carried out in the United States [Lloyd-Jones e t  al. 2009], making 

angioplasty the  most common therapeutic  intervention in the world [Fleisch 1999].

While patency rates for angioplasty are generally satisfactory, in the  longer term  problems can 

arise when elastic recoil of the  artery causes it to  close up, reducing the gain in d iam eter obtained 

from balloon angioplasty and restricting the blood flow again. This problem can be overcome with
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th e  use of  a s ten t .  S ten ts  a re  small tu b es ,  cu t into wires or  s tru ts ,  which are  placed in th e  ar te ry  to  

p rev en t  elastic recoil. They a re  usually metallic, with sta inless s tee l th e  m os t  co m m o n  m aterial 

used. These a re  com pressed ,  o r  c rim ped, o n to  a balloon, which is exp an d ed  in th e  a r te ry  using a 

balloon similar to  t h a t  used in angioplasty  following initial dilation o f  th e  artery . W hen th e  balloon 

is defla ted  and  w ithdraw n, th e  s te n t  rem ain s  in situ and resists elastic  recoil of th e  vessel.

Although s te n ts  p reven t  th e  re-blocking of  th e  a r te ry  d u e  to  elastic recoil, issues can still arise 

which can limit th e  effectiveness of s ten ts .  In-stent res tenosis  (ISR), defined as th e  narrowing of a 

vessel wall following angioplasty and s ten ting , is th e  m os t  c o m m o n  cause  of  failure in m odern  

s ten ts .  This is caused  by th e  g row th  of  cells within th e  artery , which can eventually  result in a loss 

o f  th e  lum en gain ob ta ined  by angioplasty. Like atherosclerosis , res tenosis  is an inflam m atory  

response .  It has  b een  hypo thesised  th a t  ra te s  of  restenosis  a re  re la ted  to  injury, and  hence  

d am age , in th e  a r te ry  following s te n t  d e p lo y m e n t  [Schwartz 1994]. As such, s ten ts  a re  designed 

to  minimise th e  d am ag e  to  th e  arterial wall, while drug-eluting s te n ts  contain  an ti- in flam m atory  

drugs which su p p re ss  th e  cell g row th  th a t  leads to  ISR following vessel injury.

1.2 Peripheral arterial disease

Peripheral Arterial Disease (PAD) is similar to  CAD in t h a t  it is cha rac ter ised  by a thickening and 

hardening  of  th e  arterial wall, reducing blood flow. The primary d ifference is th a t  PAD occurs in 

peripheral a r teries ,  o r  th o se  ou ts ide  th e  hear t .  Usually, PAD affects  a r te r ie s  in th e  legs, and 

incidence of PAD and  CAD are  strongly re la ted  [Criqui 1992).

C ontras ted  to  th e  p ro ced u re  in co ronary  a r te r ies ,  w h e re  success ra tes  can be over  90%, s ten ting  

in peripheral a r te r ie s  has proved p rob lem atic ,  and is carried o u t  less frequently . The reasons  for 

th e  d ifferences in o u tc o m e  b e tw e e n  tw o  ostensib ly  similar p ro ced u re s  are  no t well d o c u m e n te d .  

It has b een  suggested  th a t  th e  reason  fo r  such com plications in periphera l s ten ting  is th e  e x t re m e  

mechanical e n v iro n m en t  experienced  by th e  arteries . For exam ple ,  flexion of th e  knee  can  cause 

extensive arterial d e fo rm ation  even in healthy  subjects  [Hoffmann 1997], These defo rm atio n s  

have only recently  been  quantified [Cheng e t al. 2006; Nikanorov e t ai. 2008], and  th e  

c o n seq u en ces  of th e se  have so far only b een  investigated in te rm s  of s te n t  f rac ture  [Nikanorov e t 

al. 2008],

There a re  a n u m b e r  of o th e r  d ifferences b e tw e e n  th e  tw o  p rocedures ,  which also have n o t  been  

s tudied  with regard  to  s tenting. The m ateria l  p ropert ie s  o f  th e  a r te r ie s  a re  different; fo r  exam ple

3



the coronary artery is stiffer than the iliac artery [Schulze-Bauer et al. 2003; Holzapfel e t  al. 2005]. 

This difference is partly due to  the variation of material properties with location on the arterial 

tree, but is amplified by intimal thickening. This phenomenon, which causes the  intima to thicken 

and stiffen with age, is more significant in the coronary arteries compared to the  iliac arteries. The 

geometries are also different, with peripheral arteries generally having a g rea ter  d iam eter and 

thickness.

The poor success rates seen in early studies using stainless steel stents  in peripheral arteries saw 

the introduction of shape-m em ory alloy stents. These alloys, which can experience very large 

(~11%) recoverable strains, are more flexible than stainless steel and are designed to be more 

flexible for placement in an adverse mechanical environment. While these s tents  have improved 

success rates relative to  steel stents, the  problem of peripheral stenting is so acute tha t  only one 

stent (LifeStent FlexStar, Bard Peripheral Vascular Inc, AZ) is currently approved by the FDA for 

use in the femoral and popliteal arteries. Often, biliary stents are used 'off-label', in a procedure 

for which they are not approved, instead.

The use of nitinol stents  in peripheral arteries provides ano ther difference betw een  peripheral 

and coronary interventions. Nitinol stents, which are compressed to  fit inside the artery, a t tem pt 

to expand to  their original d iam eter when released. As the s ten t  is, by design, larger than the 

arteries into which it is inserted, the  s ten t does not reach its nominal d iam eter and so continues 

to exert an outward radial force on the  artery. Steel s tents are expanded, experience elastic 

recoil, and then remain mechanically inert. A further difference between the  two stenting 

procedures is related to  the material properties of the stents. The more compliant nitinol stents  

experience displacement as the artery changes d iam eter with the  change in blood pressure. This 

leads to a strain-controlled fatigue environment for the  stent. In contrast, steel stents, stiffer than 

the nitinol stents, remain relatively static and undergo very small displacements as a result of the 

cardiac cycle. The dynamic mechanical environment within peripheral arteries will also have a 

significant bearing on the fatigue environment of the s ten t.  Stainless steel s ten ts  can also 

straighten the artery into which they are expanded, while nitinol stents will distort to  match the 

shape of the native vessel to  a g reater  extent.

1.3 Finite element modelling

Owing to the  diminutive size of many medical devices, traditional techniques for measuring 

deformation, such as strain gauges, are not suitable for analysis. As a result, finite e lem ent
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modelling has become a popular tool for evaluating medical devices. It can be used to predict the 

behaviour of stents when expanded, and measure properties such as foreshortening, opening 

profile and locations and magnitudes of peak stresses and strains. More recently, it has also been 

used to model the stent-artery interaction. While finite element analysis is most often used as an 

elem ent of directive compliance for medical devices, there is enormous potential for design 

improvement. Aspects of stent expansion such as dog-boning or symmetry of deployment can be 

optimised, as well as factors associated with the stent-artery interaction such as lumen gain, 

arterial stresses and tissue prolapse.

Most of the finite elem ent work carried out to date has focussed on coronary arteries, where the 

majority of stents are placed. A strong case can also be made for the use of finite element models 

in improving stent design in peripheral arteries. Because both the stent and artery can be 

investigated using this method, the hypothesised causes of restenosis, stent fracture and elevated 

arterial stresses, can be evaluated.

1.4 Material properties of arteries

One of the differences between stenting in the coronary and peripheral arteries is the material 

properties of the target vessels, so it is important to understand these differences. Also, the 

accuracy of the results obtained from finite elem ent models depends on the suitability of the data 

used as inputs. There is a need to have a full understanding of the mechanical behaviour of 

arteries, and to be able to appropriately describe this material behaviour. While mechanical tests 

of different arteries have been presented [Schulze-Bauer et al. 2002; Prendergast et al. 2003; 

Schulze-Bauer et al. 2003; van Andel et al. 2003; Lally et al. 2004; Holzapfel et al. 2005; Holzapfel 

et al. 2007], and the biochemical composition of the tissue has been quantified [Fischer et al. 

1966; Cox 1978; Davidson et al. 1985; Zulliger et al. 2004; Hu et al. 2008], there have been 

relatively few  attempts to link the two for different artery types.

Because of the similarity between their cardiovascular systems, pigs are often used for tests on 

arteries, for obtaining mechanical properties for finite element modelling and for pre-clinical 

trials. It is important to understand the differences between arteries, both between species and 

between arteries from different locations in the arterial tree for the consequences these 

differences will have on interpretation of animal trials and for improving stent design.
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Hum an and porcine a r te r ie s  can be c o m p a re d  in te rm s  of m echanical p ropert ies .  To look a t  th e  

c o n se q u e n c e s  o f  th e  d ifferences in m echanical p ropert ies  for s tenting, finite e le m e n t  modelling 

can be used. By creating ap p ro p r ia te  m odels , th e  d ifferences b e tw e e n  pre-clinical animal trials 

and random ised  h u m an  trials can be highlighted.

1.5 Modelling stenting in the peripheral artery

With th e  use  of  su itab le  m ateria l d a ta ,  s ten ting  in coronary  and peripheral a r te r ie s  can be 

co m p ared  by using finite e le m e n t  modelling. There a re  tw o  aspec ts  o f  th e  d ifferences  b e tw een  

th e  tw o  types  of  s ten ting  th a t  requ ire  a t te n t io n .  The first is th e  d ifference in m ateria l  p roper t ie s  

and geom etry ,  bo th  o f  th e  s te n ts  u sed  and th e  arte ry  into which th ey  are  dep loyed . These 

changes, in th e  g e o m e try  and m ateria l  p ro p e r t ie s  o f  th e  ar te ry  and s ten t ,  as well as th e  type  of 

s te n t  used, could induce higher s t re s se s  in th e  peripheral arteries , which m ay in tu rn  result in 

g re a te r  vessel injury and m ore  in -s ten t res tenosis .  Furtherm ore , th e  pulsatile fa tigue cycle, no t 

believed to  be as im p o r tan t  in stiffer s tee l s te n ts  [Duerig e t al. 2000], could increase  th e  

possibility of  s te n t  fa tigue frac ture .

The second  difference  b e tw e e n  th e  s ten ting  p ro ced u res  to  be investigated  is th e  m echanical 

env iro n m en t .  Coronary  arteries , a t ta c h e d  to  th e  m yocardium , undergo  large d isp lacem en ts  

during th e  cardiac cycle [Ding e t  al. 2002]. However, th e  a r te r ie s  do no t necessarily  experience  

large strains, and  s te n t  frac tu re  is ra re  in co ronary  arteries. It has been  believed for so m e  tim e 

th a t  jo in t m otion  induces large d e fo rm a tio n s  in so m e  peripheral ar teries, and th is  is believed to  

be a cause  of  s te n t  incompatibility in th e s e  a r te r ie s  [Kroger e t al. 2004]. M ore re c e n t  angiographic  

studies, which have quantified  th e s e  d e fo rm a tio n s  [Cheng e t al. 2006; Nikanorov e t al. 2008], 

en ab le  th e  m echanical e n v iro n m en t  to  be s im ula ted . One of th e s e  s tud ies  used th e  da ta  o b ta in ed  

to  c rea te  m ock-artery  m odels  t h a t  s ep a ra te ly  rec rea ted  th e  com press ion  and bending 

experienced  by periphera l a r te r ie s  [Nikanorov e t al. 2008]. This allows th e  s te n ts  to  be 

investigated , and th e  n u m b e r  o f  f rac tu red  s te n ts  to  be d e te rm in ed .  In th e  s a m e  way, use  of th e  

angiographic  d a ta  can be used to  c re a te  finite e le m e n t  m odels  o f  th e  s te n te d  per iphera l a r teries .  

While th e  in vitro  m odels  provide useful in form ation  on th e  likelihood of fatigue, th ey  a re  limited 

to  th e  use of  mock a r teries ,  and provide little in form ation on s ten ts  which do  no t fail, o r  th e  

in terac tion  of  th e  s te n t  and  artery.
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1.6 Aims of the thesis

The objective o f this thesis is to  determ ine w hy rates o f restenosis are higher following stenting o f 

peripheral arteries com pared to  coronary arteries. The underlying hypothesis o f the thesis is that 

the mechanical environm ent w ithin peripheral arteries is the  dom inant factor in prom oting such 

high levels o f restenosis. Com prehensively addressing this hypothesis requires a num ber o f 

studies to be undertaken. Firstly, the mechanical properties o f arteries from  d ifferen t anatom ical 

locations are to  be investigated. Specifically, the coronary and fem oral arteries and aorta o f young  

swine are used. These properties are to  be com pared w ith  the  biochemical com position, in this 

case collagen and elastin content, o f the arteries. A ppropriate m ateria l models will be used to  

describe the m ateria l behaviour o f the arteries tested, w ith  the objective o f im plem enting these 

models into com m ercial fin ite  e lem ent softw are. It is also intended to relate the composition o f 

the artery, in particularly the proportion of collagen and elastin, to  the  constants in the m aterial 

models.

Ideally, hum an arterial tissue would be used for biomechanical and pre-clinical studies. 

Realistically, although studies have been carried out on hum an tissue, in m any cases it is 

unavailable fo r ethical or o ther reasons. Even when hum an arteries are available, tests may be 

carried out some tim e post-m ortem , and the tissue is often  treated  w ith antibiotics to make it 

safe. In m any cases (such as these studies), only anim al arteries are available fo r testing. The pig is 

the  most com m only used pre-clinical animal m odel fo r the  evaluation o f new  stent designs. To 

understand the  im plications o f this fo r in terpreting the  results o f anim al trials, the differences  

betw een stenting in hum an and porcine arteries will be investigated by modelling stent expansion  

in each of them . The results from  tests on porcine arteries will be first com pared w ith  sim ilar tests 

on human arteries from  the literature. These in turn can be used as m aterial inputs fo r stenting  

models. Finite e lem ent models will then be used to investigate w hy the outcom es o f stenting  

trials in pigs are often d ifferen t to th a t observed in man.

Once an appropriate means o f modelling stenting has been established, this inform ation will be 

used to undertake a thorough investigation o f the differences betw een stenting in coronary and 

peripheral arteries. This study will focus on differences in the arteries (geom etry and m aterial 

properties) and stents (geom etry and stent type). A rtery stresses and possible stent fatigue from  

the radial displacem ent caused by the pulse o f blood flow  will be investigated.

Differences in m aterial properties and geom etry are one o f the possible causes o f high rates o f 

restenosis. The o ther one is the mechanical environm ent. The last objective o f this thesis is to
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look at the consequences of the bending and compression seen in peripheral arteries following 

stent deployment.

Ultimately, it is hoped that by appropriate modelling, the reasons for higher rates of restenosis 

can be better understood. By doing this, a useful tool may be developed which both help to 

understand the reasons for the high rates of restenosis in peripheral arteries and to provide a 

method for improving stent design for use in this environment.
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2.1 Introduction

This chap te r  gives a review/ of previous work carried ou t to  investigate th e  behaviour and 

proper t ie s  of s te n ts  and arteries. To begin a study on interventional cardiovascular devices, it is 

essential to  have a com ple te  unders tand ing  of th e  env ironm en ts  w h ere  th e y  are  placed. 

Therefore, this section begins with an overview of th e  proper tie s  of th e  cardiovascular system. An 

em phasis  is placed on ar teries,  including the ir  function, com position and later the ir  mechanical 

behaviour. The issue of cardiovascular d isease, and in particular atherosclerosis ,  is addressed .  

Restenosis, th e  re-closing of o p en e d  arte r ies  and  th e  main cause of failure in in terventional 

p rocedures ,  is explained. T re a tm en ts  for this disease, such as angioplasty and stenting , and  th e  

associa ted  problem s and complications a re  discussed. This includes discussion on th e  challenges 

of t rea ting  peripheral arterial disease . Finally, m e th o d s  for appropr ia te ly  modelling th e  s ten ting  

p rocedu re  a re  discussed, with sections on constitutive m odels  to  describe a r te ry  material 

behaviour, and  th e  im p lem enta tion  of th e s e  m odels  in finite e le m e n t  softw are.

2.2 Blood Vessels

2.2.1 The cardiovascular system

The cardiovascular system  consists of a pum p (the heart)  and of pipes (blood vessels), th e  

purpose  of which is to  t ran sp o r t  a liquid (blood) a round  th e  body. Blood is a multi-purpose fluid, 

and its functions include tran sp o r ta t io n ,  regulation, de fence  and  stabilisation. The co m p o n e n ts  of 

this system  are  tightly coo rd ina ted  in o rd e r  to  m aintain approp r ia te  blood flow to  tissues  and 

organs. For example , th e  cardiovascular system  can respond  to  changes in blood p ressu re  by 

regulating th e  vessel d ia m e te r  as well as th e  h ea r t  rate.

Blood vessels are  divided into e f fe ren t  vessels, or ar teries,  which carry blood away from th e  heart,  

a f fe ren t  vessels, o r  veins, which re tu rn  blood to  th e  heart,  and capillaries, th e  microscopic vessels 

which connec t  th e  tw o  and  allow fluid exchange. Maintaining blood flow through th e s e  vessels  is 

critical to  th e  health  of th e  t issues  and  organs th e y  supply.

2.2.2 Composition and structure

The requ irem ents ,  and  thus  ana tom y,  of blood vessels vary depend ing  on location, local blood 

pressure ,  m o v e m en t  o f  surrounding t issue  or muscle, function and species. The basic s t ru c tu re  of
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ar te r ies  and veins a re  similar, consisting of th e  intima (tunica intima), th e  media (tunica media) 

and th e  adventit ia  (tunica externa), se e  Figure 2.1. Arteries, which carry blood aw ay from  th e  

hear t ,  are  u nder  high pressure  and as such are  thick-walled vessels. Veins, which carry blood 

tow ards  th e  heart,  a re  under  low pressure  and are  thin walled, with valves to  p reven t back flow of 

blood. Arteries usually m aintain  a relatively round shape,  while veins are  flatter.  This review will 

focus on th e  s t ruc tu re  of ar teries.

hc lic a lly  arran>;cd fib re- 
rcinforL 'cd ad v en titia l lay e r

tran sv e rse ly  iso tro p ic  ilb re- 
re in fo rced  m edial un it

h e lic a lly  :irran{;ed fib rc- 
re in l'o rced  in tim al lay e r

c o lla g en  fib res  
e la s tic  lam in a  ex te rn a  

co lla g en  fibril 

sm o o th  m uscle  cell 

c la s tic  fibril 
e la s tic  lam in a  in terna 

en d o th e lia l cell

m

Figure 2.1

Com position o f  healthy artery showing th ree d istinct layers (intima, m edia and adventitia) and  

f ib e r  directions.

[G asser e t  al. 2006],

The intima, th e  innerm ost layer of blood vessels, consists of an endothelial lining on to p  of a basil 

lamina and an Internal elastic m e m b ran e  (som etim es considered p ar t  of th e  media) th a t  

s e p a ra te s  it from th e  media. The endothelial lining, over which blood flows, is rippled d u e  to  

constriction of th e  vessel. In a straight vessel segm ent ,  th e  endothelial cells are  aligned in th e  

d irection of th e  blood flow. These cells a re  im portan t  in regulating both  vascular sm o o th  muscle 

cell migration from th e  m edia, and neointimal form ation  as a response  to  injury [Kipshidze e t  al. 

2004]. The cells com m unica te  with th e  media using processes  th a t  link with th e  m edia using 

processes  th a t  ex tend  th rough  th e  basal lamina and internal elastic lamina [Humphrey 2002]. The 

basil lamina is m a d e  up of elastic fibres and  lies b e tw e e n  th e  endothelial lining and internal elastic
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membrane, a collection of elastic fibres. In humans, the intima continually thickens with 

increasing age, even in healthy individuals [Velican et al. 1985], eventually becoming the stiffest 

layer in the artery [Holzapfel et al. 2005a],

The media, usually the thickest layer, consists of smooth muscle cells, and elastin and collagen 

fibres. The muscle tissue lies in discrete concentric layers called musculo-elastic fascicles, which 

are reinforced by fibres and separated by fenestrated windows of elastin, as shown in Figure 2.2 

[Clark et al. 1985], These muscle fibres control the diameter of the artery by contracting and 

relaxing. The size of the media is determined by the number of these fascicle units through the 

thickness of the wall, with the thickness of each unit nearly constant [Clark et al. 1985]. 

Collectively, the sheets of smooth muscle, the sheets of elastin and the collagen fibres are 

oriented in an almost circumferentially aligned helix [Holzapfel et al. 2000].

Surrounding the intima and media is the adventitia. Consisting of helically arranged bundles of 

collagen fibres in a matrix of histological ground substance, the outermost layer has a relatively 

low stiffness at within the physiological range of pressures. At higher pressures, recruitment of 

the collagen fibres causes a stiffening of the adventitia, which acts as a sheath to restrain the 

artery from high distension. The adventitia is connected to the media by the external elastic 

membrane, a band of elastic fibres.

Figure 2.2

The musculo-elastic fascicle, as proposed by Clark and Glagov. A varying number o f repeating 

layers o f this unit make up the media in arteries. E = elastin, Ce = smooth muscle cells and F = 

collagen fiber bundles that exist between the elastin sheets.

[Clark et al. 1985]
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2.2.3 Peripheral vessels

As well as th e  d ifferences b e tw e e n  arte ries  and  veins, th e re  a re  fu r th e r  variations in material 

p roper t ie s  and  g eo m etry  in a r te r ies  th a t  are  functions primarily of th e  d is tance from th e  heart. 

Conducting, o r  elastic a r te r ies  (Figure 2.3, top), a re  generally in or near  th e  heart,  for exam ple  th e  

ao r ta  and pu lm onary  arteries. These ar teries have a lot of elastic fibres, which allow th e m  to  

function with fluctuations in p ressu re  caused by th e  h e a r tb e a t  by dam ping  th e  p ressure  peaks. 

T hese  fluctuations are  g re a te r  in m agn itude  closer to  th e  heart,  and virtually d isappea r  by th e  

t im e blood reaches  th e  capillaries. M ost a r te ries  in th e  hum an  body are  distribution, or muscular 

ar te r ies  (Figure 2.3, bo ttom ).  T hese  ar te ries  have m ore  sm oo th  muscle cells th a n  elastic 

equivalents .  The fem oral and  popliteal ar te r ies  a re  muscular arteries. While it may be convenien t 

to  subdivide a r te r ies  into tw o  classes. In reality a r te ry  p roperties  change continuously ra th e r  than  

discretely along th e  arterial t ree .
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Figure 2.3

Cross sections o f typical (top) elastic artery and (bottom ) muscular artery. 

[Berne e t  at. 1979].

2.3 Atherosclerosis

Atherosclerosis is a form of arteriosclerosis th a t  is character ised  by th e  form ation of a p laque 

within, ra th e r  th a n  on, th e  media of th e  ar tery  [Libby 2002]. The disease  is caused by excess low- 

density  lipoprotein (LDL) in th e  blood s tream . At normal concentra t ions ,  LDLs can pass th rough  

th e  endothelial lining, and move in and ou t of th e  intima. However, w hen  th e  concentra t ion  

b ecom es  to o  high, th e  LDI^ begin to  accum ulate within th e  intima. Over time, oxidation of th e
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LDLs causes the endothelial cells to display adhesion molecules, which cause monocytes to attach 

to the endothelial cells. The monocytes enter the intima, multiply and mature into macrophages. 

The macrophages then ingest the LDLs until they are packed with fatty droplets. These full 

macrophages are known as foam cells due to their appearance. These foam cells form a fatty 

streak, an early form of atherosclerosis. An inflammatory response then occurs to turn the fatty 

streak into a plaque. The macrophages, as well as endothelial and smooth muscle cells, produce 

chemicals that encourage smooth muscle cells in the media to migrate towards the outside of the 

intima, and replicate components of the extracellular matrix. These cells and the matrix combine 

to form a hard, tough fibrous cap above the foam cells. Once the cap is in place, some of these 

foam cells die, releasing the lipids which they originally ingested and forming a lipid, or necrotic, 

core [Libby 2002].

Stenosis occurs when this plaque grows inwards and impedes the blood flow. When extra blood is 

required in specific tissues, for example during exercise, adequate supply may not be pumped 

through a stenosed vessel. This can lead to angina or interm ittent claudication. However, most of 

the growth of the plaque is radially outwards, which in itself will not lead to complications such as 

heart attacks or strokes. The danger is when the cap, weakened and thinned by inflammation, 

bursts. This allows blood to pass through a space in the cap, where the proteins in the lipid 

contribute to clot, or thrombus, formation. The plaque also releases chemicals that counter the 

materials produced by the body to stop clot formation. If the healing process removes the 

thrombus, the cap will be restored but the plaque will be larger than before rupture. It may take 

one or multiple clot-repair cycles, but the thrombus may eventually be large enough to  

completely occlude the flow of blood through the artery. This can lead to a heart attack or stroke 

[Libby 2002].

2.3.1 Peripheral Arterial Disease

Peripheral arterial disease (PAD) is similar to CVD, in that it is characterised by the occlusion of an

artery with fatty plaques, except it occurs in vessels other than coronary and intracranial vessels.

Often though, the term PAD is used to describe symptoms affecting arteries in the legs, i.e. the

illiac artery and those distal to it. The pathophysiology of PAD is the same as atherogenesis in the

coronary arteries [Ouriel 2001], as described above. PAD is diagnosed by measuring the ankle-

brachial index (ABI), or the ratio of the blood pressure at the malleolar level by the higher of the

two brachial pressures, of less than 0.95 [Ouriel 2001]. Although 18 % of over 65s have PAD

[Ouriel 2001], most patients are asymptomatic [M eijer et al. 1998]. There is also a strong

correlation between PAD and atherosclerosis in other arterial beds. In one study, 90 % of patients

undergoing peripheral vascular study also had some degree of coronary atherosclerosis [Hertzer
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e t al. 1984], while 15.2 % of patients w ith coronary arterial disease and 7.1 % of patients w ith 

cerebrovascular arterial disease also had PAD [1996].

More than half of PAD cases include occlusions in the superficial femoral artery (SFA) [Jaff 2004]. 

The possible reasons fo r this include the vessel being one o f the longest in the body, the presence 

o f flexion points [Diaz et al. 2004], and the lack o f collateral vessels to  diffuse the disease.

2.4 Injury Response and Restenosis

Both PTA and stent insertion (see Angioplasty and Stenting) cause injury and damage to the 

arterial wall by inducing stresses and strains beyond normal physiological loading. W ith PTA, the 

injury is caused primarily by circumferential stretching of the artery. Stenting causes 

circumferential stretch too, but also induces injury when stent struts penetrate the artery wall. 

Depending on the extent o f the injury, the artery experiences endothelial damage, fracture of the 

internal elastic lamina, dissection o f the media, and, in severe cases, damage to  the adventitia.

The response o f the vessel to  these injuries is critical in determ ining the success of the 

intervention. Restenosis, or the re-narrowing of the vessel wall fo llow ing PTA or stenting, is the 

major lim ita tion of both procedures. Although exact definitions vary, often dependant on the 

method o f detection, restenosis is generally taken to  mean the loss of lumen gain. Binary 

restenosis is defined more specifically, w ith  a variety of definitions; an increase of > 30% from  the 

post-angioplasty follow-up, > 70% stenosis o f target vessel at follow-up, or stenosis severity < 10% 

below pre-dilated lesion severity are some o f those used. The most common definition is the loss 

of 50% or greater of the lumen gain. Following PTA, restenosis manifests as tissue growth w ithin 

the lumen and elastic recoil o f the vessel. Stents elim inate vessel recoil, and therefore restenosis 

follow ing stenting is a result o f new tissue form ation.

Although the outcomes are similar, restenosis and atherosclerosis are distinct processes. They 

differ in the histopathology, temporal courses and stimulae [Schwartz et al. 1994]. Atherosclerosis 

is caused by chemical injury to  the vessel wall, whereas restenosis is stimulated by the mechanical 

injury induced by PTA and/or stenting.

"..the pathophysiology o f restenosis is a separate process from  atherosclerosis. It fo llows an 

entirely d ifferent time course, has d ifferent histopathology, and comes from  mechanical rather 

than biochemical injury in the arte ria l wall." [Schwartz et al. 1994]
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The phases  of th e  response  to  PTA or  s ten ting  have been  identified as inflammation, proliferation 

and remodelling [Forrester e t  al. 1991]. An initial th ro m b u s  phase  has also been  included by 

Edelman and Rogers [Edelman e t  al. 1998]. This is similar to  derm al w ound  healing, th e  responses  

of which are  also character ised  by inflammatory, proliferative and remodelling phases.  These 

phases  occur within d ifferent t im e f ram es  and are, to  a degree ,  independen t.

Throm bus deposition  occurs in th e  sho r t  te rm  (1-3 days) following s te n t  dep loym ent .  The a m o u n t  

of th ro m b u s  deposition  is d e p e n d e n t  on th e  ex ten t  of th e  injury. Although th e  use of 

an t i th rom botic  drugs has reduce th e  incidence of ca tastrophic  th ro m b o se s  to  less th a n  1%, a 

d eg re e  of th ro m b u s  form ation  is ev iden t following all s te n t  p lacem ents .  However, reducing 

th rom bosis  has no effect on su b se q u e n t  even ts  [Rogers e t  al. 1993; Rogers e t  al. 1997],

Inflammation occurs a t  th e  site of th ro m b u s  form ation ,  e i the r  a t  th e  s te n t  s tru ts  or b e tw e e n  

them . During this  phase,  surface a d h e re n t  m onocy tes  (SAMs) are  recruited  to  th e  injury site. After 

3-7 days, th e se  cells m igrate to  th e  neo in tim a and  are  known as tissue-infiltrating m onocytes  

(TIMs) [Edelman e t  al. 1998]. The neo-intima is mostly form ed from extracellular matrix and  

sm oo th  muscle cells.

The intimal cell proliferation phase  occurs w h en  inflammatory  cells migrate from th e  a rte ry  

surface to  th e  neo in tim a ab o u t  seven days a f te r  th e  procedure .  Both sm o o th  muscle cells and 

m onocy tes  proliferate  during this phase. There is a s trong linear relationship b e tw e en  th e  n u m b e r  

of m onocy tes  and  th e  intimal cell proliferation [Edelman e t  al. 1998].

The fourth  phase,  remodelling, consists of elastic recoil and extracellular matrix protein  

deposition. Elastic recoil is entirely mechanical, and  occurs imm ediate ly  following angioplasty. The 

use of s te n ts  largely elim inates this part  of remodelling, though  tissue m ay still recoil th rough  cells 

in th e  s ten t ,  known as prolapse. During remodelling, elastin is des troyed ,  and collagen is 

depos ited ,  altering th e  collagen to  elastin ratio, and th u s  th e  mechanical properties .

The m agnitude  of th e  response  to  injury is d e p e n d e n t  on th e  ex ten t  of th e  injury [Schwartz e t  al. 

1994]. Using an injury score to  describe th e  e x te n t  of th e  injury to  th e  a r te ry  (Table 2.1) show s a 

good correlation b e tw e e n  th e  injury score and  th e  th ickness of neointimal g rowth, se e  Figure 2.4 

(a) &(b) [Schwartz e ta l .  1994].
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Weight of injury Injury

0 Internal elastic lam ina intact; endothelium  typically denuded; media 

m ay be compressed but not lacerated

1 Internal elastic lamina lacerated; media typically compressed, but not 

lacerated

2 Internal elastic lacerated; media visibly lacerated. External elastic lamina 

intact, but may be compressed.

3 External elastic lamina lacerated; typically large lacerations o f media 

extending through th e  external elastic lamina.

Table 2.1

Classification o f injury scores. After Schwartz and IHalmes [Schwartz et ai. 1994].

j ___________1___________ I___________ 1_________

0 1 2  3

Injury score

Figure 2.4

(a) Classification o f injury scores a t different points on cross-section o f a stented artery

(b) Correlation between injury score and neointimal growth fo r stented porcine arteries

[Schwartz et al. 1994}

2.4.1 Role of the Endothelium

The endothelium , the layer o f cells th a t lines th e  artery  wail, is im portan t for regulation of arteries  

ra ther than its mechanical properties. Endothelial cells m odulate hemostasis and provide a barrier 

betw een the smooth muscle cells (SMCs) in th e  media and grow th-prom oting factors in the blood 

stream . Denuding th e  endothelium , which occurs to  various degrees w ith  interventional
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procedures ,  causes neointimal thickening, a cause  of restenosis .  Re-endotheliaiisation can occur, 

th e  am o u n t  of which d ep e n d s  on th e  e x ten t  of th e  injury [Kipshidze e t  al. 2004], This can help 

p reven t th e  migration of SMCs, which ap p e a r  only in a re as  w h e re  re-endothellalisation has not 

occurred  [Haudenschild e t  al. 1979].

2.5 Angioplasty and Stenting

Blood flow th rough  s tenosed  arte r ies  can be res to red  by p e rc u tan e o u s  transluminal coronary  

angioplasty (PTCA). This is an in terventional p rocedu re  w h ereb y  a polym er balloon is inserted  to  

th e  site of th e  blockage on th e  end  of a ca the te r .  Pressurised saline is th e n  used to  inflate the  

balloon which, by com pressing  th e  p laque against th e  a r te ry  wall and stretching th e  artery, 

r es to re s  blood flow (see Figure 2.5). The balloon is th e n  defla ted  and w ithdraw n from th e  artery. 

Over 600,000 such p rocedures  w ere  carried o u t  in th e  USA in 2006, with roughly th e  sam e 

n u m b e r  again with s ten ts  [Lloyd-Jones e t  al. 2009]. While im m ed ia te  pa tency  is res to red  in up to  

90% of cases [Bredlau e t  al. 1985; Perry e t  al. 1988] and morbidity  and mortality  ra tes  are  very 

low [Bredlau e t  al. 1985], elastic recoil of th e  a r te ry  and  of th e  p laque can re-occlude th e  vessel 

and  restrict blood flow again in ab o u t  30 % of cases  a f te r  6 m on ths  in coronary  a rte ries  

[Leimgruber e t  al. 1986; Gruentzig e t  al. 1987]. This necess i ta ted  th e  use of a b e t te r  long te rm  

solution for  keeping vessels open .
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Figure 2.5

Balloon angioplasty.

h ttp ://w w w .n h lb i.n ih .gov/h ea lth /dci/im ages/an g io_ low res.g if  

2.5.1 Coronary stents

Sten ts  are  tubular ,  usually m eta l  s truc tu re s  th a t  are  inserted  into and expanded  in ar teries to  

maintain th e  lum en gain achieved with PTCA. Balloon expandab le  s ten ts  a re  crim ped on to  a 

polymer balloon to  fit inside th e  artery. It is expanded  a t  th e  site of th e  blockage by inflating the  

balloon. This plastically de fo rm s t h e  s ten t ,  which rem ains w hen  th e  balloon is w ithdraw n and acts 

as a scaffold t o  p rev e n t  elastic recoil of th e  artery. The success of th e  s ten ting  p rocedure  is 

d e te rm in ed  by th e  vessel pa tency  (w h e th e r  or no t blood flows pas t  th e  blockage), binary 

restenosis ( the loss of 50 % of th e  lum en gain) and major  coronary  even ts  (myocardial infarction, 

s troke, d ea th ,  etc.). Early trials with a Palmaz-Schatz s te n t  show ed  improved o u tc o m es  com pared  

with angioplasty alone a f te r  seven m on ths ,  though  higher risks of  vascular complications w ere  

also se en  [Serruys e t  al. 1994].

Continued optim isation  of t h e  design of th e s e  s ten ts ,  as well as th e  introduction of drug eluting 

s te n ts  (DES) has se en  a reduction in res tenosis  ra tes  from 36 % af te r  6 m o n th s  with early bare 

metal designs [Ellis e t  al. 1992], to  21.3 % and 9.3 % af te r  1 year  for pa t ien ts  with acu te
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myocardial infarction using bare metal and DE stents respectively [Menichelli et al. 2007]. 

However, problems with late-stent thrombosis, caused by a delayed re-endothelialisation, have 

been reported with DESs [Pfisterer 2008]. Although rare, such occurrences have high mortality 

rates.

2.5.2 Stent Design

The first stent was inserted into a human patient by Jacques Puel and Ulrich Sigwart in 1986. Since 

then, hundreds of stent designs have been patented [Serruys et al. 2000; Serruys et al. 2005]. One 

of the most important of these was the Palmaz-Schatz coronary stent (Figure 2.6). This was 

developed by an Argentinean cardiologist and a retired German rocketeer, and received FDA 

approval in 1994. The success of this model heralded the beginning of stenting as a viable method 

of maintaining vessel patency following angioplasty. Subsequent stent designs have attem pted to 

achieve an optimal balance of strength, flexibility, trackability, and low injury to the artery. It has 

been shown in finite element models [Bedoya e ta l. 2006] and clinical studies [GarasicetoA 2000; 

Kastrati et al. 2001] that stent design influences clinical outcome. The influence of some aspects 

of stent design, such as percentage metal coverage, strut thickness and width, number of struts 

and strut cross sectional area, are summarised by Morton et al [Morton et al. 2004].

Figure 2.6

Palmaz-Schatz Coronary Stent.

[Bonsignore 2004],

Although there are many stent designs, most are based around the same fundamental principals; 

expandable ring elements joined by connecting elements, or bridges. Connecting elements are 

attached to the expandable rings at the peak, valley, or midstrut. Some combinations of this are 

shown in Figure 2.7. Almost all stent designs are variations on one of these configurations, 

including stents for use in non-coronary arteries. The notable exception of this is coil stents, which 

were used early on but lacked sufficient radial strength and scaffolding capability to be successful. 

Stents can also be defined as open cell or closed cell. Closed cell stents, such as the Palmaz stent 

(Figure 2.6), have all of the internal inflection points connected peak to peak with a connecting
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element. For example, Figure 2.7(a) shows a closed cell design, while Figure 2.7(c), where only 

every second inflection point is connected, is classified as open cell. Closed cell designs are 

seldom used anymore because they are inherently inflexible.

Figure 2.7

Different ways o f constructing a sten t from  expandable rings and connecting elements, (a) closed 

cell, peak to  peak, flex connector, (b) open cell, non-flex connector, peak to peak, (c) open cell, 

non-flex connector, peak to peak, (d) open cell, flex connector, peak to peak, (e) open cell, non-flex 

connector, peak to valley, (f) open cell, non-flex connector, midstrut.

[Bonsignore 2004]

2.5.3 Peripheral stents

As PAD is similar to  CVD, so peripheral stents are, in many aspects, very similar to  coronary stents. 

The principal of inserting a metal tube  to  hold the  artery open and restore blood flow is the  same, 

and many of the  problems and challenges of stenting are associated with both types of vessel. 

However, despite the  similarity of the  procedures, the  generally successful outcomes of coronary 

stenting have not been replicated in peripheral arteries. The earliest stents used in peripheral 

arteries were stainless steel balloon expanded stents, like those used in coronary arteries except 

with different dimensions. For example, Palmaz stents, one of the  earliest designs, were used in 

femoropopliteal segments and the results compared with PTA alone. Despite greater initial 

technical success with stenting compared with PTA alone, the  improvement diminished with time 

and the primary angiographic patency rates were identical at 63% and 53% after one and two 

years respectively [Cejna eta l. 2001].

The poor results seen with stainless steel balloon expanded stents necessitated a new approach 

towards lesions in peripheral arteries. This resulted in the  development of stents manufactured 

from more flexible shape memory alloys (SMAs), in particular nitinol (see section 2.6 Nitinol). 

Nitinol stents, unlike stainless steel models, have shown an improvement in success rates 

compared with PTA. Early trials showed little improvement in using Wallstents compared with 

PTA alone after 12 months, but suggested stenting as an option when angioplasty fails [Do e t  al.
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1992], Similar results were presented in another study for the Wallstent, where primary clinical 

patency was 61% at one year and 49% at two years [Martin e t al. 1995], Some improvement was 

seen with the Smart stent, where primary patency rates were 92%, 76%, 66% and 60% at 6 ,1 2 ,1 8  

and 24 months respectively [Mewissen 2004], A more recent random clinical trial comparing the 

two procedures found lower rates of restenosis for patients treated with nitinol stents compared 

to those treated with angioplasty alone [Schillinger et al. 2006]. Unlike other lesions, using DESs 

did not provide a significant improvement compared with bare metal stents [Duda et al. 2005; 

Duda et al. 2006].

Peripheral stent designs are, on the whole, very similar to coronary stents (Figure 2.8), and this 

lack of variation in design philosophy may account for their relative failure in a different 

environment. A recent stent design, the Bard Lifestent, which organises the connectors in a spiral 

pattern, has received full FDA approval for use in the SFA. Such designs, specific to peripheral 

arteries, may lead to future success in stent design.

Figure 2.8

(a) Nitinol Smart stent, a typical peripheral stent design.

(b) Smart stent showing high flexibility

www.clevelandclinic.org/heartcenter/images/guide/disease/vascular/stent_smart.jpg

http://www.abbottvascular.com /en_US/content/image/absolute7_lg.jpg

Despite the move to SMA stents, restenosis rates in peripheral arteries, particularly the femoral

and popliteal, do not compare favourably with coronary arteries. Although the reasons for this are

not fully understood, there are a number of differences between coronary and peripheral arteries

that may provide explanations for the results seen in in vivo trials. The first difference between

the tw o is size. Peripheral arteries, in general, have larger diameters and thicknesses than

coronary arteries. A comparison of sizes in coronary arteries showed higher restenosis rates in

smaller arteries [de Feyter et al. 1999; Stone et al. 2004]. This indicates that, taken independently,
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d iam eter m ay not adversely affect restenosis rates in arteries, and th a t the g reater d iam eter of 

peripheral arteries may not be responsible for higher rates o f restenosis. How ever, the influence 

o f thickness on these studies is not clear. Also, as restenosis is calculated relative to  the d iam eter 

o f th e  artery, th e  same neointim al growrth provides greater loss of lum en in a small artery than in 

a large one.

A second difference betw een  th e  arteries is the composition. Arteries, depending on location on 

th e  arterial tree  and function, have d ifferen t ratios of the extracellular components (eiastin, 

collagen and sm ooth muscle), resulting in d ifferent mechanical behaviour [Fung 1993]. 

Comparison of uniaxial tests on hum an coronary [Holzapfel e t al. 2005a] and iliac [Schulze-Bauer 

e t al. 2003] arteries shows th a t these differences include th e  stress-strain behaviour of all three  

layers (intim a, media and adventitia), th e  residual stresses, th e  degree of anisotropy (caused by 

th e  fiber orientation), and the relative thickness of th e  layers. The difference in relative thickness 

of the layers includes a contribution from  the variation in the intim al thickening, which appears to  

be m ore significant in the coronary artery  [Holzapfel e ta l.  2005a].

The th ird d ifference betw een th e  artery  types is the mechanical environm ent into which they are 

im planted. Stents placed in any type o f artery experience dynamic environm ents which vary 

according to  location. Coronary arteries, for exam ple, are attached to the myocardium , and 

experience m otion w ith  each cardiac cycle. The displacements and deform ations have been 

m onitored and recorded in a num ber o f studies [Ding e t al. 2000b; Ding e t al. 2000a; Ding e t al. 

2002]. This inform ation is generally analysed w ith  respect to  the effect on the hemodynamics on 

th e  post-stenting environm ent [Ding e t al. 2000b; Ding et al. 2000a; W eydahl et al. 2001; Ding et 

al. 2002; Zeng e t al. 2003]. The influence o f this environm ent on arteria l stresses and th e  fatigue  

cycle it imposes on an im planted stent are unknown. How ever, though coronary stent fracture is 

potentially serious and m ay increase rates of restenosis, it is quite rare [Aoki e t al. 2007; Kim et al. 

2009].

The mechanical environm ents experienced by peripheral arteries and stents im planted in them  

can be broadly divided into pulsatile and flexion driven. The pulsatile environm ent, com m on to  all 

arteries, is caused by th e  pressure change during th e  cardiac cycle, which causes th e  artery to  

increase and decrease in d iam eter. This induces a high frequency, low  am plitude, strain based 

fatigue cycle. It should be noted th a t some nitinol stents placed in th e  SFA are biliary-indicated. 

They are, th ere fo re , not tested  fo r fatigue suitability for p lacem ent in peripheral arteries, and are 

not cleared by the FDA fo r such purposes. In fact, only one stent, th e  Bard Lifestent, has FDA 

approval for use in th e  SFA.
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Some peripheral arteries are also subject to more complicated loadings, caused by joint flexion. 

For example, knee flexion has been shown to occlude blood flow in the popliteal arteries, even in 

patients who do not exhibit PAD [Hoffmann et al. 1997]. The mechanical environment was further 

quantified by Duda et al, who identified the presence of 'hinge points' [Duda et al. 2002]. This has 

been defined as 'the first curve in the peripheral artery in an acute angle towards the femur that 

appeared during knee flexion' by Diaz et al [Diaz et al. 2004]. The same study expanded on earlier 

work by specifying the location of hinge points in unstented popliteal arteries of patients with 

PAD, and relating their formation to knee flexions of up to 100° [Diaz et al. 2004]. Accessory 

flexions, or curves in the artery other than the hinge point, were also classified, as shown in Figure 

2.9. A series of articles in 'Endovascular Today', published in 2004, focused on the superficial 

femoral artery (SFA). One of these studies listed, but did not quantatively measure, the forces 

acting on the SFA [Jaff 2004]. These forces were (axial) extension and contraction, torsion, 

compression and flexion. At about the same time, the extreme mechanical environment of the 

popliteal artery was identified as the cause of biomechanical incompatibility of popliteal stents 

[Kroger et al. 2004], This study used a number of case studies to show bending, narrowing, 

compression, shortening, twisting and even destruction of implanted stents. A number of other 

case studies also showed stent fracture [Babalik et al. 2003; Solis et al. 2006]. It became clear, 

therefore, that a more formal quantification of these deformations was required in order to 

produce stents that are capable of performing in peripheral arteries [Smouse et al. 2005].
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Figure 2.9

Angiographies o f (A) l<nee extension and (B) l<nee flexion. Point 1 is a hinge point, points 2, 3 and 4 

are accessory flexions. The artery is divided into (a) pre-hinge point segment, (b) hinge point zone, 

and (c) post-hinge point segment.

[Diaz et al. 2004]

A study comparing MR angiographies of unstented SFAs from healthy patients in the supine and 

fetal positions quantified the twisting and stretch of the artery [Cheng et al. 2006], It showed that 

the SFA shortened by 13% ± 11% and twisted 2.8 ± 1.7°/cm. A similar study comparing 

radiographs of stented mid, distal and proximal SFAs and popliteal arteries with knee/hip flexions 

of 0°/0°, 70°/20° and 90°/90° [Nikanorov et al. 2008], These angles correspond to typical values 

seen in standing, walking and sitting, as shown in Figure 2.10. The compression of the SFA was 

found to be comparable to the study by Cheng et al [Cheng et al. 2006], but lower when a stent 

was inserted, see Table 2.2. Bending was also measured, with maximums of 33° + 21° and 54° ± 

25° at 70°/20° and 90°/90° respectively found in the popliteal artery, see Table 2.3.
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(a) (b) (c)

Figure 2.10

Bending o f femoropopliteal arterial segment at knee/hip flexion angles o f (a) 0°/0°, (b) 70°/20° 

and (c) 90°/90°.

[Smouse et al. 2005],

Peripheral arteries in the leg are not unique in being subject to external loading which could be 

problematic for stent placement. Studies on the carotid artery, where plaques often form at or 

close to the bifurcation, have shown similarities to peripheral arteries in the leg. It has been 

shown that swallowing, and particularly neck motion cause radial and axial strains as well as 

crushing [Robertson etal. 2008].

Position
Mid-SFA

Arteries/Stents

Distal-SFA/Prox-PA

Arteries/Stents

Pop

Arteries/Stents

Neutral, %

0 0 0

Knee/hip flexion 

70720”, % 5% + 4%/3% ± 4% 14% ± 5% /ll%  + 12% 3% ± 4%/33 %± 21%

90790”, % 9% ± 5%/4% ± 3% 23% ± 2%/15% ± 14% 14% ± 3%/54% ± 25%

Table 2.2

Axial compression o f cadaveric lower extremity unstented arteries (Arteries) and 100 mm self 

expanding nitinol stents when placed in cadaveric lower-extremity arteries (Stents). Adapted from  

[NII<anorov et al. 2008].
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Position Mid-SFA Distal-SFA/Prox-PA Pop

Knee/hip flexion

70720° 3° ±4° 11° ±12° 33° ±21°

90790° 4° ±3° 15° ± 14° 54° ± 25°

Table 2.3

Bending deformation o f 100 mm self expanding nitinol stents when placed in cadaveric lower 

extremity arteries. Adapted from [Nikanorov et al. 2008],

The response of arteries varies w/ith the type of stent inserted. For the same target diameter, 

nitinol stents give a lower lumen gain than stainless steel balloon expandable stents [Grenacher et 

al. 2006]. This is due to the higher compliance of nitinol, and also to the fact that balloon 

expansion allows a greater degree of control over the final diameter achieved by the stent. There 

are also differences in the endothelial injury caused by PTA, balloon expanded stents and self

expanding stents. Use of PTA and balloon expanded stents causes almost complete endothelial 

denudation, while up to 50% of the cells may be preserved by using a self-expanding stent 

[Harnek et al. 1999]. This may explain why pre-dilation, where a PTA is carried out prior to 

insertion of a nitinol stent to achieve a greater lumen diameter, increases the rate of restenosis 

[Harnek et al. 2002].

2.6 Nitinol

Shape memory alloys (SMAs) are highly flexible metal composites that are gaining poplularity for 

many engineering applications, particularly in bio-medical devices. One of the most commonly 

used SMAs is nitinol, the name of which derives from the metals that are used to make it (nickel, 

Nl and titanium, Ti), and the institute where it was researched (Naval Ordinance Laboratory, NOL). 

Nitinol is typically composed of nickel and titanium in an approximately 50:50 ratio. This review 

will focus on Nitinol as an example of an SMA, as it is the material most used in the design of 

shape-memory peripheral stents.

Shape memory alloys are characterised by their shape memory and super-elasticity, properties 

that are not found in normal engineering materials. Both of these properties are a result of 

temperature and stress induced first order phase transformations and are described in further 

detail below.
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2.6.1 Phase Transformations

Nitinol consists of tw o  phases,  au s ten t i te ,  th e  pa ren t  phase, and m artensite ,  th e  d au g h te r  phase. 

The t ransfo rm ation  from one  p hase  to  an o th e r  is ins tan taneous ,  and occurs w hen  sufficient stress 

or t e m p e r a tu re  changes are  induced. For example, th e  m artens i te  phase  occurs w hen  th e  

t e m p e r a tu re  is low enough  ( the  m a rten s i te  s ta r t  t e m p e ra tu re ,  M J  or th e  stress is high enough to  

form s tress  induced m a rten s i te  (SIM). The te m p e ra tu re  and s tress  t ransfo rm ations  a re  not 

independen t ,  though. If th e  te m p e r a tu re  is reduced  to  below th e  m artens ite  finish t e m p e r a tu re  

(Mf), th e n  raising th e  stress will no t  cause  phase  transfo rm ation  and  th e  material rem ains stable. 

Similarly, if th e  t e m p e r a tu re  exceeds  th e  m artens i te  deform ation  t e m p e r a tu re  (M^), th e n  plastic 

d e fo rm ation  of th e  au s ten t i te  will occur a t  lower energ ies  th a n  SIM. Stress induced phase 

t ransfo rm ations  can only occur b e tw e e n  th e  aus ten t i te  finish t e m p e r a tu re  (Af) and M^, see  Figure 

2.11. In so m e  medical devices, th e  t e m p e r a tu re  d e p e n d a n t  p roper t ie s  of nitinol a re  im portan t,  as 

they  are  cooled to  fit inside th e  body, th e n  h ea t  up and resum e the ir  des ignated  shape.  Such an 

approach  was once  used  with nitinol s ten ts .
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Figure 2.11

Shape memory properties of Nitinol. Above Af (po'mt a), the material is fully austentite (cubic 

structure). As the temperature is reduced to below Mp a phase transformation to twinned 

martensite (monoclinic B19 structure) occurs. When the material is stressed, detwinning begins (c) 

until full detwinning (d). When the material is unloaded, elastic recovery begins, but phase 

transformation is not complete until temperature is raised to Af again.

[Robertson 2006]

2.6.2 Shape-Memory

Shape memory is the ability of a material to 'remember' a set shape and to return to this 

configuration following deformation. Shape memory can be useful for biomedical components. 

Chilling a device prior to implantation means that it can be crimped into a shape more amenable 

towards placement. When the body heats the device up, the shape memory effect causes it to 

return to its original shape. An example of this is the Simon vena cava filter, which is cooled to 

below Mf, collapsed and inserted into position in the heart [Simon et al. 1977; Duerig 1990]. Once 

in place, it Is heated to above Af (usually about 30°) and expands to the initial configuration. 

Similar principals were once applied to stents to fit them into arteries.
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2.6.3 Superelasticity

One of the most useful aspects of nitinol is its superelasticity. This is the  ability of the  material to  

experience very large yet recoverable strains. Nitinol can be stretched by up to  11% without 

experiencing perm anent deformation. This is significantly higher than stainless steel, w/hich 

plastically deforms at strains of 0.3% [Duerig e t al. 2000].

2.6.3.1 Stress-Strain Behaviour

The stress-strain curve of nitinol demonstrates the  superelastic, non-linear and hysteresis 

properties of the  material, see Figure 2.12. It is also influenced by phase transformations during 

loading and unloading. In the unstressed initial configuration, the  material is entirely in the 

austenite phase. When the  material is loaded, a linear response is seen between point A and 

point B. At point B, the  slope changes and a plateau is seen. While the  shape of the  stress-strain 

curve is similar to  tha t seen with, for example, steels, this response is not a result of yielding or 

plastic deformation. Rather, it marks the onset of the  phase transformation, and the deformation 

is fully recoverable. Between point B and point C, the  material begins to  transform from austenite 

to martensite. At point C, the  material is 100% martensite. As the  load is further increased, the  

material stiffens again, and exhibits linear behaviour again until point D is reached. It should be 

noted tha t  the  slope of C-D is not necessarily the  same as A-B, though this may be assumed to be 

the  case to  simplify implementation in computer models. When the  material is unloaded, 

hysteresis is seen, i.e. the  loading curve is different to  the unloading curve. The unloading from 

point D-C is the  same as the  loading curve, but a lower stress must be reached before the  phase 

transformation back to  austenite begins, at point E. Between E and F, the  material transforms 

back to  austenite. At point F, when the transformation is complete, the  material unloads back to 

its original, stress free state.
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Figure 2.12

Representative stress-strain behaviour o f nitinol in loading and unloading under uniaxial tension. 

2.6.4 Material Models

Whilst linear materials can be modelled with a comprehensively with only a small number of 

parameter (Young's modulus, Poisson's ratio and shear modulus), and plastic materials with a 

further two (yield strength and tangent modulus) in finite element modelling, nitinol material 

models are by necessity more complicated. They must take account of the non-linear (or multi

linear), elastic nature of the elastic deformation, the phase change that occurs as a result of 

changes in tem perature and/or stress, and the hysteresis between the loading and unloading 

curves. Some of the methods for modelling nitinol are discussed further in SMA Stents. This 

section will discuss a material model commonly utilised by commercially available finite element 

software packages.

The material model used in M arc/M entat 2007 software (MSC Software Corporation, Santa Ana, 

California) is based on an algorithm by Auricchio et al [Auricchio 2001], and is similar to models 

used in other finite element packages. The tensile stresses to cause phase transformations are 

described below;
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Starting tensile stress in austentite to martensite transformation

finishing tensile stress in austentite to  m artensite transform ation

^5.4+ _ starting tensile stress in m artensite to  austentite  transform ation

= finishing tensile stress in m artensite to  austentite  transform ation

Os = starting compressive stress in austentite to  m artensite transform ation

Nitinol behaves d ifferently in tension and compression. This d ifference is accounted for w ith  a 

scaling param eter a :

a  —
2 (t /^  p

If a  is equal to  zero, then  the responses in tension and compression are the same. The Young's 

modulus given for th e  m ateria l represents the linear response o f the austenitic phase (A-B on 

Figure 2.12). W hile  a second Young's modulus value may be provided fo r th e  linear response of 

the martensitic phase (C-D on Figure 2.12), the tw o  are usually assumed to  be the same. Though 

not strictly accurate, this simplifies th e  im plem entation of the m aterial model. A scalar param eter, 

Ei is used to  describe th e  m axim um  deform ation obtainable only by detw inning of the m ultiple- 

variant m artensite (i.e. the strain reached at the end of th e  austenite-m artensite transform ation). 

This usually has a value betw een 0 and 0.1. These param eters provide a simplified, but relatively  

accurate representation o f nitinol m aterial behaviour, see Figure 2.13.

34



900 n

800 -
Experiment
Simulation

^  600 -

2  300 -

^  400 -
<U
S 500 -

(D

0}13

700 -

200  -  

100 -

0 2 3 4 5 6 7 8 9  

True strain (%)

Figure 2.13

M aterial behaviour o f nitinol under uniaxial tension. Blue line shows experimental data on Ti- 

50.8at% Ni thin wall tubes [Favier et al. 2006], red line shows simulation model used fo r finite  

element analysis.

[Wu et al. 2007a]

If a thermo-mechanical model is being used, more parameters are required to fully describe the 

material behaviour.

CTq = mean value of plateaus (hysteresis)

w/here CTq is the mean value of plateaus (hysteresis) P is the slope, T is the current tem perature  

and To is a reference tem perature equal to Mf, see Figure 2.14.

(2. 2)

To)) (2. 3)
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(b)a)

Figure 2.14

Mechanical and thermal behaviour o f nitinol showing parameters used to describe constitutive 

behaviour. (Note: ).

[Migliavacca et al. 2004]

2.6.5 Other Properties

As well as being extremely flexible, nitinol is also very biocompatible. It is less thrombogenic in 

blood than stainless steel [Thierry et al. 2002] and despite the high (~50%) nickel content, it 

releases it at a lesser rate than stainless steel, owing to the high energy bond formed with 

titanium [Chan et al. 1990]. Also, the instantaneous oxidation process that occurs on nitinol forms 

a similar Ti02 layer as pure titanium [Bedoya et al. 2006], Furthermore, the MRI compatibility of 

nitinol is superior to stainless steel, which has more artefacts, while x-ray densities are similar 

[Duerig et al. 2000].

2.7 Fatigue

Fatigue is a process whereby materials fail when subject to repeated loading cycles which induce 

loads below the ultimate tensile strength (and sometimes below the yield strength). When 

dealing with fatigue properties, the following terms are defined:
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=  (̂ max -  CTmin (2- 4)

^max ^min / ,  ,•>
Om = --------- -----------  (2. 5)

^max ~  ^min
 ̂  (2 . 6)

Where a-^ox are the maximum and minimum stresses experienced during the fatigue

cycle, is the mean stress and cTq is the average stress.

The methodology for predicting the fatigue behaviour of a stent depends on the material used, 

i.e. steel or nitinol.

2.7.1 Steel

For cyclic stresses where the mean stress, is greater than zero, Goodman's rule is used to 

predict fatigue failure. Here, a straight line is drawn between the fatigue endurance strength (Sg) 

on the y-axis and the ultimate tensile strength (S^k ) on the x-axis Figure 2.15. Points above this 

line are predicted to fail by fatigue, and points below it are predicted to pass. Proximity to this line 

is used to calculate a factor of safety (FOS) as follows [Marrey et al. 2006]:

  l i t  I u .

F O S ~ ^ t
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200
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“  100
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Figure 2.15

Goodman diagram fo r 316L stainless steel microsamples.
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2.7.2 Nitinol

Nitinol exhibits less predictably fatigue behaviour than steel. A previous study, which used a 

com bination o f in vitro  and FE models plotted the fatigue behaviour of nitinol fo r a range o f strain 

am plitudes and mean strains (note th a t the fatigue environm ent is governed by strain rather than  

stress w ith  this m aterial). The failure of the samples under pulsatile loading was found to  depend  

on th e  strain am plitude, w ith  the effect of mean strain less clear [Pelton e t al. 2008]. All samples 

which failed did so a t strain am plitudes o f 0.4%  or greater. Therefore, a strain am plitude  

threshold value o f 0.4%  can be assumed, w ith  samples experiencing low er strain am plitudes  

predicted not to  fail, w hile samples w ith  higher strain am plitudes may fail (see Figure 2.16). A 

clear pass/fail line, like th a t provided by the Goodman curve, cannot be obtained fo r nitinol, 

though a FOS can still be provided relative to  this threshold value.

Q. 0.5

— 13--

0.0
0 2 3 41

Main Strain (%)

Figure 2.16

Graph showing samples passing (em pty squares) and fa ilin g  (black squares) stent samples a t 

various levels o f  strain am plitude and  m ean strain [Pelton e t al. 2008], D o tted  line shows strain  

am plitude value o f  0.4%.

[Pelton e t al. 2 0 0 8 ]

2.8 Mechanical Properties of Arteries

Biomechanics can be simply defined as the "application of mechanics to  biology" [Fung 1993], or 

the "study of the motions experienced by living things in response to  applied loads" [Hum phrey et



al. 2004]. Thus, th e  fundam en ta l  laws of mechanics and the rm odynam ics  apply as much to  

biological tissues as th e y  do to  m o re  traditional engineering materials. It is, th e re fo re ,  im portan t 

t h a t  th e  mechanical behaviour of t issues under  approp r ia te  loading be unders tood  and 

ad equa te ly  described using a suitable m athem atical  framework.

Idealised engineering materia ls  can be said to  exhibit LEHI (linear, elastic, hom ogenous  and 

isotropic) behaviour [Hum phrey e t  al. 2004]. The s truc tu re  and composition  of ar te r ies  m eans  

th a t ,  like m ost biological soft t issues, th e y  do no t behave  in this m anner .

Broadly speaking, ar te r ies  a re  non-hom ogeneous ,  hyperelastic, viscoelastic, anisotropic, nearly 

incompressible, rubber-like com posites.  Although research continues in o rder  to  b e t te r  

un d ers ta n d  th e  mechanical behaviour  of arteries, many of th e  fu n d am en ta ls  of w ha t  w e  now 

know  w ere  p resen ted  in a single p ap e r  over  100 years ago. Roy no ted  the rm oela s t ic  behaviour, 

c reep ,  viscoelasticity, dam ag e  prior to  evidence of failure, change of p roper t ie s  post-m ortem , 

anisotropy, variation of p roper t ie s  with differences in age, sex and location on th e  arterial t ree ,  

and  he te rogene ity  of th e  vessel wall [Roy 1881]. Since then ,  th e s e  qualita tive observa tions have 

b ee n  quantified for various conditions, and are  discussed in m ore  detail below.

2.8.1.1 Stress-Strain Behaviour

Arteries are highly non-liner in behaviour. At low strains, th e y  are  very compliant,  but stiffen as 

th e  strain is increased. This can be explained by considering th e  a r te ry  to  be com posed  of wavy 

collagen fibres in a matrix of elastin. Elastin can be  considered  to  be a linear elastic material with a 

stiffness of be tw e en  100 kPa and 1 MPa [Milnor 1989]. The wavy sh a p e  of collagen m eans  th a t  it 

ca n n o t  be considered  a t ru e  linear-elastic material, though  once  d is tended  it can be 

approx im ated  as linear elastic with a Young's m odulus of 200 MPa [Burton 1954]. At low strains, 

th e  elastin bears th e  load. As th e  strain is increased, th e  collagen fibres begin to  s tra igh ten  and 

recruit in th e  direction of loading. As th e se  fibres, significantly stiffer th a n  th e  elastin, begin th e  

b e a r  th e  load, th e  response  b ecom es  stiffer. The contribution of th e  individual co m p o n en ts  to  th e  

overall behaviour of th e  m ateria l is well illustrated by exper im en ts  which isolate th e  elastin and 

collagen by selective digestion [Roach e t  al. 1957]. This allows a com parison  b e tw e en  elastin, 

collagen, and a full artery, as show n in Figure 2.17.
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Figure 2.17

Mechanical behaviour ofelastin, collagen, and whole artery artery. Elastin is tested on its own by 

digesting the collagen with formic acid, while collagen is isolated by digesting the artery In trypsin.

[Roach e t a i  1957]

True elastic materials return to a stress free configuration following load removal along the same 

path as the loading, i.e. no energy is dissipated. This is not the case with arteries, where a certain 

amount of hysteresis is observed. Pseudoelasticity, or the separate consideration of the loading 

and unloading curves and associated strain energy functions, helps to describe this behaviour 

[Fung 1993]. Note that pseudoelasticity is not an intrinsic property of a material, but a way of 

describing its behaviour. The reason for the difference between loading and unloading is not fully 

understood, but is believed to be viscous dissipation caused by the movement of elastin and 

collagen in a matrix of proteoglycans and water [Humphrey 2002; Humphrey et al. 2004].

Removed from their physiological state, the behaviour of arteries is not, initially, repeatable. 

Repeated loading and unloading shows a softening of the material, known as the Mullin's effect. If 

sufficient cycles are carried out, the difference between tests reduces until subsequent curves are 

coincident. When doing mechanical tests on arteries, preconditioning cycles must be carried out 

first so that repeatable behaviour is analysed. The number of pre-conditioning cycles required 

depends on the tissue being tested.

Arteries, being composed of approximately 70 % water [Fischer et al. 1966], display viscoelastic 

properties, i.e. elements of viscous and elastic behaviour. Typically, viscoelastic materials are
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strain  ra te  d ep e n d an t ,  though  th e  behaviour of soft nnaterials does  n o t  dep e n d  strongly on this 

[Fung 1990]. However, ar te r ies  do  show  creep  and stress relaxation.

2.8.1.2 Incompressibility

A material is incompressible if its volume does  no t  change during deform ation .  Carew e t  al  [Carew 

e t  al. 1968] carried ou t volumetric m e a su re m e n ts  on ar te r ies  subject to  internal pressure  and 

longitudinal s t re tch  and found th e  volumetric change to  be very small (AV/V < 0.00165). Because 

of  this, it is o f ten  assum ed  th a t  ar teries are  incompressible, se e  for exam ple P rendergast e t  al 

[P rendergast e t  al. 2003]. O thers  allow for th e  small am o u n t  of compressibility of ar teries by 

assum ing th e m  to  be nearly incompressible [Lemaitre 2001].

Because th e  scalar tr iple product allows a volume to  be calculated from th r e e  positional vectors, 

th e  change in vo lum e can be expressed  in te rm s  of detF, as show n below.

dv = dx^^\ X (2. 8)

= F. (F. X F. (2.9)

= {detF)dX<~^\ (dA'® x (2.10)

= (detF)dV (2.11)

dv (2.12)

This m eans  th a t  for an incompressible material,  d e tF  =  1. An alternative definition for 

incompressibility is th a t  th e  bulk m odulus is far g re a te r  (= l ,000x) th a n  th e  shear  modulus 

[Humphrey 2002].

2.8.1.3 Residual Stresses

Arteries in vivo  a re  no t  in a s tress  free  sta te .  This can be d e m o n s tra te d  by measuring th e  length of 

an arterial s e g m e n t  before  and af te r  excision, w h ereby  th e  length is found to  have changed. 

Similarly, if an a r te ry  is cut radially, it will be se en  to  unfurl. The first published suggestion of a link 

b e tw e e n  this altering of shape and residual s tresses  ap p e a rs  to  be  in a Ph.D thisis by Bergel 

[Bergel I960]. Furtherm ore ,  th e se  residual s tresses  have been  show n to  be  layer specific in bo th  

th e  circumferential and axial directions. For example , Holzapfel e t  al [Holzapfel e t  al. 2002] show  

th a t  th e  intima is com pressed  axially and circumferentially in vivo and  ex tends  w hen  sep ara ted  

from  th e  o th e r  tw o  layers. This explains th e  ruffled ap p e a ran c e  th a t  th e  intimal layer has w hen  

viewed in cross-section. The m edia and adventitia a re  in tens ion  and shrink, both  

circumferentially and axially. However, Schulze-Bauer e t  al [Schulze-Bauer e t  al. 2002] show ed
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that the adventitia is in compression circumferentially and in tension axially. Because of these 

layer-specific residual stresses, an excised artery cut axially cannot be said to be in a stress free 

state, although this is often assumed. It is believed that the function of the residual stress fields in 

the artery is to  homogenise the stress distribution within the vessel wall. Changes to the 

homogeneity of the stress fields is hypothesised to cause growth and remodelling in order to 

restore the vessel to its normal state [Humphrey et at. 2004].

2.9 Constitutive Modelling

The stress-strain behaviour of LEHI materials can be described by a single parameter, the Young's 

modulus. The more complicated behaviour of arteries and other soft biological tissues requires a 

different approach to suitably describe the material characteristics. Constitutive equations are 

used to describe the behaviour of a material under certain loading conditions, for example uni

axial or bi-axial tension. The simplest constitutive equation for a solid is the Hookean elastic solid, 

or a solid which obeys Hooke's law:

a =  Ce (2. 13)

However, few materials obey Hooke's law, particularly at large strains. This is especially true for 

elastomers and soft tissues, where the stress-strain behaviour is determined by long-chain 

polymeric structure. Unlike linear materials, there is no single solution, or indeed approach, for 

describing arteries. In this section, a number of constitutive models used to simulate artery 

behaviour will be reviewed and compared, with an emphasis on their implementation in finite 

element models.

2.9.1 Preliminaries

The fundamental equations used to describe LEHI materials are based on two assumptions of 

linear relationships; between the stress and strain and between strain and displacement. These 

assumptions do not hold true for soft tissue mechanics.

A displacement vector, u is used to describe the difference between the current configuration, 

(x,y,z), and an original reference configuration, (X,Y,Z).
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=  x ( , X , Y , Z ) - X  

U y = y i X , Y , Z ) - Y  

U z =  z ( X , Y , Z ) - Z

(2.14)

(2.15)

(2.16)

Differentiation gives the displacement gradients;

dUx dx

du.

~dY dY

du^ dz

(2.17)

(2.18) 

(2.19)

In matrix form, this is denoted [H] ,  v\/hich can be expressed in terms of the deformation gradient, 

[F], and the identity matrix [/], using the following equation:

[H] =  [F] -  [/] ^  [F] = [/] + [H] (2. 20)

w/here [F] is defined as:

[F] =

dx dx dx
^  Iz

dy dy dy
Ix

dz dz dz
^  ^  Jz

(2 . 21 )

The deformation gradient, F, is an important measure of deformation because it includes both 

deformation and rigid body motion. It can be related to the Green strain, E, and the linearised 

strain, e, using the following equations.

[ E ] = ^ ( [ F n F ] - [ I ] )  

W = ^ ( [ F ]  +  [ F f - 2 [ / ] )

(2. 22) 

(2. 23)

In materials which experience small strains, calculating the stress relative to the original cross 

sectional area may provide sufficient accuracy. This is provided by the first Piola-Kirchhoff stress,

[I], In materials such as arteries, which can experience very large strains before failure, the 

current cross-sectional area is required to achieve a true measure of stress. This is given by the 

Cauchy stress, [o]. The Cauchy stress, though more accurate, can be difficult to measure. This
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means tha t a way of relating the  two stresses is important for experimental work. This is done by 

using the second Piola-Kirchhoff stress, [S].

[Zl = [S][Fr (2.251

The second Piola-Kirchhoff stress, [S], which does not have a physical meaning, is useful because it 

can be related back to  the  Green strain, [E], as follows:

dW

where IV is a strain-energy function (SEF), or the  area the under stress-strain curve. Most 

constitutive models which use SEFs are functions of stress invariants, /, which in turn can be 

expressed in term s of the  principal stretches.

/ i  =  t rB  (2. 27)

/2 = i ( t r B 2 _ ( t r B ) 2 )  (2.28)

/g =  d e tB  (2. 29)

Where B is the  left Cauchy-Green strain tensor, which is a function of the gradient of the 

deformation gradient, F .

B =  (2. 30)

If there  are no shear stresses, then the  strain invariants are given by

Î  =  X\ +  Xl +  X\ (2. 31)

h  =  AfAl +  A U I  +  (2. 32)

Is =  AfAUI  (2- 33)

Where Aj is th e  stretch, defined by

Lj 4- ALi
^ i = — ,-----  ̂ (2 .34)
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If, as is o fte n  th e  case fo r  a rte rie s , th e  m a te ria l is considered  incom pressib le  (isochoric), th e n  th e  

fin a l v o lu m e  is th e  sam e as th e  in itia l v o lu m e , o r

(2.35)

(2.36)

1
(2. 37)

F u r th e rm o re , fo r  uniaxial ten s ile  tests  w h e re  A i =  A is th e  s tre tch  in th e  d irec tio n  o f load ing  and  

A 2  and  A3  a re  th e  stre tches in th e  d irections n o t being  load ed , if th e  m a te ria l is iso trop ic  th e n

T h e  stra in  invarian ts  th e n  b eco m e fun ctio ns  solely o f th e  s tre tch  in th e  load ed  d irec tio n .

2.9.2 Material models for implementation in finite element software 
2.9.2.1 Fung (2 models)

O n e  o f th e  ea rlie s t m odels  to  describe h yp ere las tic  m ate ria ls  w as proposed  by Fung. This m o d el is 

based  on a lin e a r re la tion sh ip  b e tw e e n  th e  stiffness ( d Z /d A )  and th e  firs t P io la -K irchhoff stress, 

E. N o te  th a t  th is  uses th e  orig inal, n o t c u rre n t, cross-sectional a re a . From  a o n e -d im e n s io n a l te s t  

on strips o f m e s e n te ry , th e  linear re la tion sh ip  is g iven by

1
A2 — A3 — —rz

Va
(2. 38)

7i =  Â  -f 2A-1 

/2  =  2A -f- A "2

/3 =  1

(2.39) 

(2. 40) 

(2.41)

(2.42)

T o  fin d  th e  va lues o f th e  u nkno w n  constants, th e  so lu tion  is o f th e  fo rm

(2. 43)

W h e re  a is th e  y axial in te rc e p t and 6 is th e  slope. This e q u a tio n  has an e x p o n e n tia l so lu tion  o f



Solving gives

C2=/J (2.45)
C 3 = ^  (2.46)

Taking the initial condition that the stress is zero w/hen the strain is zero (stretch =1)

0 = cie^-^ (2.47)

This gives a solution for c :̂

“  R (2.48)

Putting the constants back into the original equation gives

^  O P I , (2.49)

- 1) (2.50)

This is a relatively simple material model with just two parameters, but it has been shown to 

provide a good fit for some soft tissue materials, such as the epicardium [Humphrey 2004]. 

However, it is strictly a one dimensional relationship, and cannot be applied to three-dimensional 

behaviour.

A similar model to the one described above was proposed, also by Fung, this time based on a 

strain-energy function [Fung 1990].

Ŵ  =  ^ c ( e « - 1 )

Qorth — ^1^11 +  ^2^22 +  ^̂3^33 +  ^^4^11^22  +  ^(^5^22^33 

+  -I- C y (£ 'i2 +  ^ 2 1 )

+  +  £ '3 2 ) +  <̂ 9 ( £ ’I i  +  ^ 1 3 )

W here c and q .g  are material constants and £ 1 1 - 3 3  are the nine components of the Green 

strain. Differentiating this equation gives values for second Piola-Kirchhoff stress, which can be 

used to determine the Cauchy or first Piola-Kirchhoff stresses.

(2.51) 

(2. 52)

46



dW
(2. 53)

=  i c e ' 3(2q £ 'u  +  2C4E22 + 2C6E33)

= ce‘?(q£'ii + C4E22 + C6F33)

(2. 54)

(2. 55)

Although this equation contains ten material parameters, which makes calculations difficult, this 

is a relatively simple model which incorporates non-linearity and anisotropy. This model can also 

be simplified in the case of orthotropic or isotropic materials.

Z.9.2.2 Mooney-Rivlin

The Mooney-Rivlin hyperelastic constitutive strain energy equation [Mooney 1940] can be used to  

describe the properties of arteries under uni-axial and bi-axial tension. The form of this equation  

suitable for incompressible materials is

Depending on the shape of the curve, it is more usual to  use a reduced version of this equation  

which neglects several of the terms. The more common versions are listed below.

Neo-Hookean

00

W ( h , / 2 , ! 3 ) =  X  ( / 2 - 3 ) " ( / 3 - 3 ) ° (2. 56)
ij,k=0

The 9 parameter version of this equation is

Vy =  a io ( / i  -  3) -I- a o i( /2  -  3 ) +  0 3 0  (/z  -  3)"

+  a n ( / i - 3 ) ( / 2 - 3 ) - h a o 2 ( / 2 - 3 ) 2  

+  a 3 o ( / i - 3 ) 3  +  a 2 i ( / i - 3 ) 2 ( / 2 - 3 )  

+  a i 2 ( / i - 3 ) ( / 2 - 3 ) 2  +  a o 3 ( / 2 - 3 ) 3

(2. 57)

(2. 58)

Mooney (2)

VK = a io (/i -  3) +  aoi(/2 -  3) (2. 59)

Mooney (3)

VK =  a io (/i -  3) +  aoi(/2 -  3) +  a^C/i -  3X12 -  3) (2. 60)
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Signiorini

=  a io (/i -  3) +  a o i ih  -  3) +  a2o02 ~  3 ) ' (2. 61)

Second Order Invariant

^  — ^loOi ~  3) +  aoi(^2 ~  3) +  a2o(h ~  3)^

+  a i i ( / i - 3 ) ( / 2 - 3 )

Third Order Deformation

W =  a ,o ( / i  -  3) +  aoi(/2 -  3) +  a2o(/2 -  3)^
(2. 63)

+  a i i ( / i - 3 ) ( / 2 - 3 )  +  a 3 o ( / i - 3 ) 3

Yeoh

=  a io (/i -  3) +  a2o(/2 -  3)^a3o(/i -  3)^ (2. 64)

2.9.Z.3 Ogden

The Ogden model is described by the following equation [Ogden 1984];

N

W o g a e n i h . h . h )  =  ^  + 4 *’ + ^ 7  ~  3 ) (2- 65)
p=i P

Where fip and Up are material constants. The two parameter version is 

^ O g d e n i ^ l> ^ 2 > ^ 3 )

+ ̂ (A“=+4>+A“>-3)
“ 2

Z.9.2.4 Gent

Other constitutive models available include the Gent model. One of the advantages of the Gent 

model, like the Fung stress-strain model, is that it has only two parameters, fx and J-m- In this
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model, ^ is the shear modulus for infinitesimal deformations and is a constant value which 

takes account of the limited polymeric chain extensibility [Morgan e t  at. 2002].

2.9.2.5 Holzapfel

One of the m ost complete constitutive models to  describe arterial mechanical behaviour has been  

proposed by Holzapfel e t  al [Holzapfel e t  al. 2000], By separating the SEF into isotropic and 

anisotropic components, this model captures the non-linear hyperelasticity of the artery, as well 

as the anisotropic nature due to the arrangement of the collagen fibres. The SEF, 4 ,̂ is expressed  

as a sum of the isotropic (Ĥ iso) and anisotropic ( ^aniso) parts:

m  =  u j .  +  v y  .T ~ iso  ' ^ a n iso

= K h -  3) 

2k2
* n ^  (exp(k20i -  1)̂ ) -  1)

(2 . 68 ) 

(2. 69)

(2. 70)
i=4 ,6

where =  t r C  is the first invariant of the modified Cauchy Green tensor C =  and

I4  =  C: Oqi ®  Oqi and =  C: Oo2  ®  o-oi are stretch invariants of the fibers. The constants |i (or 

c/2  in som e papers) and have the dimensions of Pa, while /c2  is dimensionless. The directions 

of  the collagen fibers are given by Oqi and Uq2 , which are direction unit vectors;

0 0 ■

“ 0 1  — c o s p and Oqi = c o s p
—sinfi.

Where 3 is the angle of the fibres relative to the circumferential direction. Note that this equation 

defines the fibres in two directions, and they do not have a com ponent normal to the plane of the 

vessel wall.

This model has been implemented to study stresses in arteries, se e  for example [Holzapfel e t  al. 

2005b; Kiousis e t  al. 2007; Kroon e t  al. 2008]. Note that this model represents a purely isochoric 

response, and that it can be decoupled further to allow for volumetric changes [Gasser e t  al. 

2006].
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2.9.2.6 Zulliger

Unlike most models, which are phenomenological, Zulliger e t  al have proposed a model based on 

the  structural arrangem ent of the  artery wall [Zulliger e t  al. 2004], Like other models, the  strain 

energy function (4^) is split into isotropic (^iso) and anisotropic ('i^aniso) parts. The isotropic part 

is assumed to  consist entirely of elastin, the  fraction of which ( J e ia s t )  can be measured 

histologically or by assay, and is defined thus:

where (H^eiast) 'S the strain energy function of the  elastin, described as a function of an elastic 

constant, Cgiast >  0.

In the same way, the  anisotropic SEF is described in term s of the  collagen content and a SEF for 

the  collagen.

The SEF for the collagen is based on a probability function for the gradual recruitment of the 

individual collagen fibers, pAber- The SEF for a single collagen fiber is given by

Where b>0 is a scaling param eter  and k>0 describes the  shape of the distribution. Folding these 

two equations, see Figure 2.18, gives

/ e l a s t ^ e l a s t (2 . 71)

^ e l a s t  ~  ^ e l a s t O l  3 )  ^2 (2. 72)

^ a n i s o  ~  / c o l l ^ c o l l (2. 73)

f o r  e <  Eq 
f o r  e >  Eq

(2. 74)

At a given value of e, the  log-logistic distribution is described by

P f ib e r
b [ l  +  ( E - E o / b ) ' ^ ]

(2. 75)

00

^ c o iz ( ^ )  ■“  ^ f i b e r  * P f ib e r  ~  J  ^ f i b e r C ^ )  ' P f ib e r i . ^  x ^ d x
— oo
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Figure 2.18

The SEF fo r  a single fiber (with e>0) fo lded  with a probability distribution function (PDF) gives an 

overall SEF fo r  the collagen.

[Zulliger e t a I. 2004]

Assuming tl ia t  th e  collagen fibers are  aligned at angles a  and - a  to  th e  circumference, th e n  th e  

corresponding  stre tch  invariants are  and

A =  =  ^ A g c o s ^ a  +  A i s i n ^ a  (2 .77)

This gives th e  SEF for th e  anisotropic par t  of th e  artery;

^ a n is o  =  / c o l l  ( ^ ^ c o l l ( > / U  "  l )  ~  l ) )  (2- 7 8 )

Combining th e  isotropic and anisotropic co m p o n en ts  gives th e  overall SEF of th e  artery;

' ^ = / e l a s t C e l a s t ( h - 3 f / 2 + ^ ^ ^ , ^

=  / c o l l  (^^C0ll(7 u -  1) + -  1)
(2. 79)
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2.10 Finite element analysis of stents

Finite element analysis has become an accepted and valuable tool in pre-clinical testing of medical 

devices. The dimensions of devices such as stents (strut dimensions < 1mm) make finite element 

analysis the most appropriate means of analysing stresses and strains in both a stent and artery.

2.10.1 Expanding stents/balloon-stent interaction

The modelling of an expanding stent is typically undertaken to investigate characteristics such as 

stress and strain distributions, opening profiles, recoil, foreshortening and radial strength. This 

enables the design of the stent to be improved before manufacturing. The inflation of catheter- 

mounted balloons to expand stents is an intricate process to model. The balloon is folded over 

itself to accommodate a crimped stent. When pressure is applied via saline solution, the balloon 

expands first by unfolding, and then by an increasing in diameter as it deforms. This results in an 

initially compliant balloon that stiffens rapidly once the unfolding process is completed. The 

complex geometries and material non-linearities and anisotropy mean that a complete model 

incorporating all of the inherent characteristics of the process would be an enormous 

undertaking. Therefore, depending on the type of results required, different assumptions and 

simplifications are needed to make the task achievable.

Although almost all stainless steel stents are expanded using a polymer balloon, upon w/hich the 

stent is crimped, many studies do not explicitly model the balloon. A number of different 

strategies have been reported in the literature. Stents can be expanded by applying displacement 

or pressure boundary conditions to simplified balloon models, or directly to the stent. This section 

gives an overview of the methods used in the literature to simulate the expansion of BESs.

Surprisingly, the first reported finite element study of BESs was published as recently as 2000 

[Dumoulin et al. 2000]. This modelled the expansion of a single unit of a Palmaz 308 stent by 

applying a pressure directly to the stent surface (Figure 2.19(a)) and using displacement boundary 

conditions (Figure 2.19(b)). The use of an elastic-plastic model enabled recoil to be quantified, 

while foreshortening, resistance to buckling and fatigue properties were also studied. This 

method of applying a pressure directly to the stent, and not explicitly modelling the balloon, has 

since been adopted extensively elsewhere in the literature. A similar study looked at the pressure 

required to expand a stent (similar to the Palmaz) and the likely point of failure of the stent due to 

stress concentrations [Chua et al. 2002]. This method was also used to determine which design 

factors gave the best performance in terms of pressure to expand, recoil, foreshortening and dog- 

boning [Migliavacca e ta l. 2002].
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Figure 2.19

Single cell representative o f stent expansion, (a) Pressure controlled boundary conditions using 3-d  

model, (b) Displacement controlled boundary conditions using 2-d model.

[Dumoulin et a I. 2000]

It was noted that stents do not expand uniformly using balloon expansion, with the ends of the 

stent expanding at a greater rate than the centre [Dumoulin et al. 2000], This is followed by a full, 

uniform expansion of the stent. This can be explained by the fact that although the pressure 

distribution from the membrane of the balloon is uniform, the direction in which it acts changes 

as the stent expands. If symmetry is used along the length of the stent, this behaviour is not 

captured [Dumoulin et al. 2000], but if symmetry is only applied in the circumferential direction, 

this effect is replicated in the finite element model [Chua et al. 2002], A similar effect was noted 

in another study, which compared a finite elem ent model of a stent expanding under pressure 

with an in vitro model of the same stent model expanded with a balloon, as shown in Figure 2.20 

[Migliavacca et al. 2005]. This found that the finite element model predicted different rates of 

expansion for the centre and end of the stent; however, the stent design meant that the finite 

element model predicted that the ends of the stent expanded less than the centre, while the 

experiment demonstrated that the reverse was the case. This is because in vitro, the balloon 

dictates the opening profile and final shape of the stent. The same study also found that the 

pressure-diameter of the stent was not replicated at higher pressures. Nevertheless, it was shown 

that the stress fields (where plastic deformation occurred) are comparable (Figure 2.21) and that 

recoil was similar in FE and experimental models at identical diameters.
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Figure 2.20

Shape of expanded stent at maximum diameter (a) in vitro and (b) using finite element model. 

[Migliavacca et al. 2005]

Applying pressure to the inside surfaces of the stent is a simple way of modelling stent expansion 

without including a balloon. However, in the studies discussed above ([Dumoulin et al. 2000; Chua 

et al. 2002; Migliavacca et al. 2005]), the initial non-uniformity of the stent expansion was 

replicated with varying degrees of accuracy, but full, uniform stent expansion did not ensue, see 

Figure 2.20 (b).

Displacement boundary conditions enable a stent to be expanded accurately to a nominal 

diameter in a uniform fashion. This is carried out by applying a fixed radial displacement to 

selected nodes on the stent. This method is mostly used when analysing the interaction of the 

stent with an artery [Holzapfel et al. 2005b; Ballyk 2006; Gijsen et al. 2008]. This is because 

although effects such as recoil and dogboning cannot be simulated, it is the most computationally 

efficient way of expanding a stent. It has also been used to compare the flexibility of expanded 

and unexpanded stents [Petrini etal. 2004].

A further method involves modelling the expanded geometry of the stent and applying a high 

pressure to the artery so that it stretches to a diameter greater than that of the stent. The 

pressure on the artery is then removed (or reduced to the level of blood pressure) so that it wraps 

around the stent [Prendergast et al. 2003; Lally et al. 2005; Bedoya et al. 2006; Timmins et al. 

2008].
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Figure 2.21

Relationship o f areas o f plastic deformation in (b) finite element model with (c)&(d) Luders lines 

seen using scanning electron microscope.

[Migliavacca et at. 2005]

Balloon models can be simplified by assuming it to be cylindrical, i.e. without modelling the 

folding. Pressure [Chua et al. 2003; Liang et al. 2005; Wang et al. 2006] or displacement [Wu et al. 

2007b] can be applied to the simplified balloon in a similar manner to stents. These methods have 

the advantage of enabling recoil to be modelled, and are simpler and less time consuming to 

model than a folded balloon.

Accurately modelling a folded polymer balloon has only recently been undertaken. This method is 

more complex than those outlined above, but gives the best representation of the stent 

expansion behaviour. The balloon can be modelled without the folds by applying a negative 

pressure to a balloon at full diameter, and then re-inflating the balloon to expand a stent, as 

shown in Figure 2.22(a) [Gervaso et al. 2008]. This study used a linear elastic balloon with a 

Young's modulus of 900 MPa. The results were compared with pressure-diameter relationships 

provided by a stent manufacturer, as well as with displacement and pressure controlled models,
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see Figure 2.23. Although the final shape is similar when using the pressure and displacement 

control balloons, and foreshortening was similar, the stresses induced in the artery were 

different. This model was used on a number of stent designs to  study prolapsed following 

expansion in a coronary artery [Capelli et al. 2008].

Laroche et al modelled the folding o f the balloon by imposing a folding algorithm on a cylindrical, 

tapered balloon (Figure 2.24(a)) [Laroche et al. 2006]. A pressure is then applied to  the balloon, 

which opens to  expand the stent, as shown in Figure 2.24(b). The balloon is modelled as a 

hyperelastic material described by the Ogden constitutive equation.

A similar approach is taken by De Beule et al, who created a balloon w ith  an initial folded 

geometry and a Young's modulus of 920 MPa [De Beule et al. 2008]. As in the Gervaso et al study 

[Gervaso et al. 2008], this paper compared the model of balloon expansion w ith pressure- 

diameter data from  the manufacturer, as well as w ith models which were expanded using 

pressure applied directly to  the stent and w ith a cylindrical balloon w ith displacement boundary 

conditions. It was found tha t modelling the folded balloon gave an accurate description o f the 

stent expansion path, as well as the final shape, see Figure 2.22 (b). Modelling the balloon w ith 

displacement boundary conditions gives a good prediction o f the final shape of the stent fo r less 

computational cost. This model has been used in other studies to  investigate the effect of the 

number o f folds, balloon length and symmetry [M ortie r et al. 2008a] and to  study side branch 

access in bifurcation stenting [M ortie r et al. 2008b]. A folded balloon model has also been used to 

investigate stent designs in terms o f dogboning and foreshortening [Lim et al. 2008]. The non

linear, anisotropic properties of the balloon can be described by a strain energy function fo r a 

fiber reinforced composite, as w ith arteries.
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(a) (b)

Figure 2.22

A comparison o f stent expansion using realistic balloon models. The balloon can be modelled by 

(a) deflating a cylindrical balloon with a negative pressure and then inflating the balloon or (b) 

modelling the balloon folding.

[Gervaso e t al. 2008] [De Beule et al. 2008]

(a) (b) (c)

Figure 2.23

Final stent shape, stent von Mises stresses and Artery von Mises stresses fo r  (a) cylindrical balloon 

expanded with displacement control, (b) pressure applied directly to stent and (c) realistic pressure 

controlled balloon model.

[Gervaso et al. 2008]
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(a)

o o o
(b)

Figure 2.24

Modelling a folded balloon, showing (a) folding the balloon and (b) deployment o f the balloon 

using free expansion.

[Laroche et al. 2006]

Studies by Kiousis et al [Kiousis et al. 2007; Kiousis et al. 2008] used this approach with a 

cylindrical balloon that did not incorporate the folded geometry of the balloon. Subsequent 

comparison with experimental results found an excellent correlation with the numerical 

simulations in the pressure-diameter relationships at the centre and distal end [Kiousis et al. 

2009]. This captured the dog-boning effect of stent expansion, with the ends opening up before 

the centre.

2.10.2 Artery material models

An accepted principal of stent design is that stresses in the artery, and thus injury, should be 

reduced where possible. This necessitates accurate material models in order to determine the 

stress levels in arteries following stenting, and especially to make comparisons between stent 

designs. While some early models used linear elastic, isotropic material properties [Chua et al. 

2004], most use some form of reduced polynomial strain energy density function [Liang et al. 

2005; Ballyk 2006; Bedoya et al. 2006; Wu et al. 2007b; Gervaso et al. 2008; Gijsen et al. 2008; 

Timmins et al. 2008; Pericevic et al. 2009], Others have utilised a Moone-Rivlin SEF [Lally et al. 

2005; Wu et al. 2007b], a Holzapfel model [Holzapfel et al. 2005b] and the Ogden model 

[Zahedmanesh et al. 2009].
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These SEFs are usually designed to replicate the behaviour of aged human coronary arteries, 

though such material is not always available for testing. Some models are based on mechanical 

tests on human femoral arteries [Lally et al. 2005], porcine carotid arteries [Bedoya et al. 2006], 

porcine coronary arteries [Pericevic et al. 2009], More recently, Holzapfel et al have carried out 

uniaxial tensile tests in the circumferential and longitudinal directions on the individual layers of 

aged, disease free, human coronary arteries with intimal thickening [Holzapfel et al. 2005a], This 

has been implemented by fitting SEFs to the raw data obtained from the circumferential tests to 

provide a finite element model of a three-layered artery [Capelli et al. 2008; Gervaso et al. 2008; 

Zahedmanesh et al. 2009].

2.10.3 Stent-artery interaction

As well as determining and improving the mechanical characteristics, finite element models are 

invaluable for analysing the interaction of an expanded stent with the arterial wall. Models can be 

created to analyse the effect on fluid flow on the wall shear stresses in a stented artery, whether 

sufficient lumen gain is achieved, or the stresses induced in the artery. The latter is commonly 

investigated, as stresses and damage in the arterial wall are believed to be important factors in 

restenosis. Therefore, understanding the factors which influence these stresses and reducing their 

magnitude is an important part of medical device analysis and design. However, although it is 

generally acknowledged that stress-induced injury is the driving factor towards restenosis, the 

nature of this is not fully understood. It is not known whether, for example, there is a linear or 

exponential relationship between stress and the rate of neointimal formation, or if there is a 

threshold value, as there is for other soft tissues [Linder-Ganz et al. 2006; Gefen et al. 2008]. 

Therefore, results of finite element analyses tend to be presented in a more generalised form. 

Stress distributions, or the amount of artery within specified stress ranges, and peak stresses are 

most commonly presented as measures of injury. The type of stress that causes restenosis is not 

understood either. Many studies use the von Mises stress, as it describes the overall stress state 

of the artery [Chua et al. 2004; Migliavacca et al. 2004; Liang et al. 2005; Ballyk 2006; Capelli et al. 

2008; Gijsen et al. 2008; Pericevic et al. 2009], while others use the circumferential stress, as it is 

the most significant [Holzapfel et al. 2005b; Bedoya et al. 2006; Timmins et al. 2008], or the 

maximum principle stress [Lally et al. 2005; Wu et al. 2007a; Wu et al. 2007b]. A recently 

proposed model for restenosis following stenting uses a threshold value of the minimum principal 

(maximum compressive) stress based on cell death in rat muscles under compression [Linder- 

Ganz et al. 2006]. Tissue prolapsed, or lumen loss due to deflection of the artery within the stent, 

has been shown to alter the fluid flow within the vessel and thus contribute to restenosis 

[Wentzel et al. 2003]. Some finite element studies have quantified the level of prolapsed for
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different s te n t  designs [Prendergast e t  al. 2003; Capelli e t  al. 2008] and within a curved vessel 

[W u e fo / .  2007b],

2.10.4 SMA Stents

C om pared  with BESs, th e re  have b ee n  few er  published finite e le m e n t  s tudies  investigating th e  

per fo rm ance  of nitinol s ten ts .  Interestingly, th e  first finite e le m e n t  study dealing with s te n ts  was 

in relation to  th e  fatigue life of a nitinol s ten t .  This study looked a t  th e  loads experienced  by 

nitinol s te n ts  in vivo  using an elastic-plastic model with Von Mises yield criterion [Whitcher 1997], 

Theriault e t  al used  a similar materia l model to  sim ulate th e  form ation  of a nitinol s ten t ,  and a 

sh ap e  m em ory  alloy material model available in ANSYS to  model th e  dep loym en t  of th e  sam e 

s te n t  [Theriault e t  al. 2006], Auricchio e t  al utilised a phase  t ransfo rm ation  m odel to  replicate th e  

s tress  and  te m p e r a tu re  d e p e n d a n t  p roper t ie s  of an SMA [Auricchio e t  al. 2002]. Petrini e t  al 

[Petrini e t  al. 2005] used a similar model [Auricchio e t  al. 2004] to  describe th e  behaviour of a 

nitinol v e r te b ra e  spacer  and  a s te n t  u n d e r  loading.

There a re  few er  studies again which investigate th e  interaction b e tw e e n  nitinol s te n ts  and 

ar te r ies  during and  following dep loym ent .  The first paper  to  do th is  analysed th e  s tresses  induced 

in a coronary  ar te ry  wail following insertion of a nitinol s te n t  [Migiiavacca e t  al. 2004], 

im plem enting  th e  material p roperties  described by Auricchio e t  al [Auricchio e t  al. 2002]. Wu e t  al 

used  a n o th e r  model by Auricchio e t  al [Auricchio e t  al. 1997], available In th e  finite e lem e n t  

package ANSYS, to  sim ulate  th e  dep loym en t of a nitinol s te n t  in a s te n o sed  carotid  a r te ry  [Wu e t  

al. 2007a]. SMA s te n t  dep loym ent can be  m odelled by applying a p ressu re  to  th e  externa! faces to  

com press  th e  s ten t ,  th e n  removing th a t  p ressure  to  allow th e  s te n t  to  re tu rn  to  its original shape  

during dep loym en t  [Migiiavacca e t  al. 2004]. An alternative  m e th o d  is to  apply radial 

d isp lacem ent to  a rigid shea th  to  com press  th e  s te n t  to  fit inside th e  artery, th e n  reverse  th e  

d isp lacem ent to  allow th e  s te n t  to  expand  [Wu e t  al. 2007a]. The d isp lacem ents  and s t res ses  of 

t h e  s te n t  and  ar te ry  can th e n  be m e asu red ,  as show n in Figure 2.25.
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Figure 2.25

Finite element model o f stent deployment in carotid artery showing (a) artery displacement, (b) 

artery stresses and (c) stent stresses following stenting.

[Wu et al. 2007a]
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2.11 Conclusions

The papers reviewed in this chapter highlight some of the problems associated with stenting in 

peripheral arteries. Rates of restenosis and stent fracture are considerably higher than in 

coronary arteries, even with the use of SMA stents, while DESs have not been as successful as in 

other arteries. There are many differences between stenting in peripheral arteries compared with 

coronary arteries. As well as the dimensions and material properties, different types of stents 

made from different materials are used. These differences have not, to the author's knowledge, 

been quantified.

The mechanical environment of peripheral arteries appears to be especially problematic. While it 

is hypothesised that the forces acting on the stent and artery caused by knee flexion cause stent 

deformation and subsequent fracture, and may raise stresses in the artery, little has been done to 

measure these effects. However, the work that has been carried out seems promising, and 

improvements in stent performance are beginning to be reported. It is hoped that greater 

understanding of stent behaviour within this environment may lead to further improvement in 

stent design, and subsequently stenting may become a viable option for treatm ent of PAD.
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3.1 Introduction

In order to investigate and predict how stents behave when expanded in arteries, it is important 

to  achieve an appropriate understanding of arterial structure, function and mechanical behaviour. 

As outlined in Chapter 2, the mechanical properties of human [Schulze-Bauer et at. 2003; 

Holzapfel et al. 2005; Holzapfel et al. 2007] and porcine [van Andel et at. 2003; Lally et al. 2004] 

arteries have been extensively examined. Furthermore, the relative quantities of the constitutive 

elements of arteries (collagen, elastin, muscle and water) have been quantified [Fischer et al. 

1966]. While some work has attempted to relate the two [Cox 1978], according to J.D. Humphrey 

[Humphrey 2002]

"The complementary role o f quantitative histology and biomechanics cannot be overemphasized, 

thus there is a pressing need fo r continued research along these lines"

Artery mechanical properties can be investigated through a range of mechanical tests, such as 

uniaxial or biaxial tension, shear, compressive, inflation-extension, etc. For the purpose of this 

investigation, mechanical tests were limited to uniaxial tension, circumferential ring and 

compressive tests.

A number of mathematical models are available to describe the behaviour of arteries under the 

conditions described above. As the material properties of biological soft tissues are more 

complicated than linear elastic materials, more elaborate mathematical equations are required to 

depict the stress-strain behaviour. These can directly describe the stress-strain relationship, or the 

strain-energy of deformation.

Collagen and elastin are the components which dictate the instantaneous behaviour of arteries. 

The amounts of these ingredients in an artery can be measured using assays, enabling a collagen 

to elastin ratio to be measured. By carrying out the assays on material used in mechanical tests 

(half for a collagen assay, half for elastin), it is hoped to compare the composition directly with 

the mechanical behaviour. This can be done both for every artery type, and to compare different 

arteries from functionally different beds.

In this chapter, the differences in mechanical behaviour and composition will be investigated for 

arteries from functionally different beds. While a wide range of mechanical, biochemical, 

pathological, thermal, biomechanical and other tests are available to create comprehensive sets 

of data under many conditions, this study is limited to appropriate testing towards understanding 

the behaviour of arteries under specific conditions. This includes selected mechanical behaviour
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of the arteries, their structure and composition, and a comparison of these properties between 

arteries from functionally different locations on the arterial tree. As human tissue is both difficult 

to obtain and cannot be tested freshly, porcine arteries were used for the purpose of this 

investigation. W here possible, the data obtained for the porcine arteries can be compared with 

similar data for human arteries.

It is hypothesised that the collagen to elastin ratio is the prime determinant of material 

behaviour, and that by using an appropriate material model arterial behaviour can be predicted 

from its composition.
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3.2 Methods
3.2.1 Artery extraction

Arteries w ere  harvested  from fem ale  pigs th a t  w ere  approxim ate ly  6 m on ths  old and weighed 30 

-  50  kg. The tissue was harvested  using a scalpel within one  h ou r  of th e  pig being pu t down. Fat 

and  connective tissue w ere  t r im m ed  from th e  arteries,  which w e re  th e n  s to red  in 0.9% saline 

solution a t  4°. Three arte ry  types w ere  harvested ; femoral ar te r ies ,  right coronary  ar te r ies  (RCA), 

and  descending  aorta .

3.2.2 Mechanical testing of arteries

T hree types  of mechanical te s ts  w ere  carried o u t  on th e  ex trac ted  tissue. Tensile te s ts  w ere  used 

for all longitudinal samples. W here  th e  specim ens had a sufficiently large d ia m e te r  for dog-bone 

sh a p e d  sam ples  to  be ob ta ined  in th e  circumferential direction, tensile te s ts  w ere  also used for 

circumferential samples. W hen this was not possible owing to  th e  small d iam ete rs  of som e of th e  

ar te r ies ,  ring te s ts  w ere  used instead. Compressive te s ts  w e re  also carried out. Mechanical te s ts  

carried o u t  on th e  a rte ries  took  place less th a n  48  hours p o s t-m o r te m  and w ere  perfo rm ed  at 

room  te m p e ra tu re .

3.2.2.1 Tensile tests

Arteries for use in tensile te s ts  w ere  rem oved from th e  saline solution and cut along the ir  length 

t o  give flat samples. Samples for th e  te s ts  w ere  ob ta ined  using a dog-bone shaped  punch in a reas  

th a t  did no t  have visible arterial branches. Two punches  w e re  used  for extracting samples. One of 

th e  punches  had a central area with a width of 2m m  and a length of 7m m , while th e  o th e r  one  

had a w idth of 3 .5mm and a length of 10mm. W here  possible, th e  larger punch was used, though  

th e  p resence  of arterial branches and th e  d im ensions of som e of th e  sam ples  m e a n t  th a t  this was 

n o t  always possible. As th e  d imensions of th e  a r te r ies  w ere  d iffe rent to  th a t  of th e  punch owing 

to  physiological pre-stresses, th e  width and thickness of th e  sam ples  w as m easu red  a t  th e  cen tre  

of th e  dog-bone shaped  specim ens using a M itutoyo too lm aker 's  microscope. The average  of 

th r e e  m e a su re m e n ts  was used for each dimension to  obta in th e  cross-sectional areas.

Specim ens w ere  placed in grips in a Zwick tensile  testing  m ach ine  with a 50 N load cell. The grips 

had s a n d p a p e r  super-glued to  th e m  to  minimise slip. A pre-load w as applied to  rem ove slack, 

th e n  th e  specim en was pre-conditioned for 5 cycles at a load of 0.1 N. The sam ples  w ere  th e n  

te s te d  to  failure a t  a strain ra te  of 60%/min. The Zwick m achine m e asu red  th e  load and
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displacem ent at a frequency of 5 Hz, which was converted to  stress-strain or stress-stretch 

graphs.

The stretch, X, was quantified  as

(3.1)

w here I is the current length and Iq is th e  original length.

As th e  strains are large, the cross sectional area changes continuously. By assuming the m aterial 

to  be incompressible, this can be taken account of.

^cauchy  “  ^  ~

w h e re  V  is the current volum e [Vq is original volum e), A is the cross sectional area and F  is the  

applied force.

One o f th e  problems associated w ith  tensile tests o f soft tissues is slippage o f specimens at the  

grips. Ideally, a visual strain m easurem ent technique should be used, so th a t slippage o f the  

sam ple will not a lter the results [Holzapfel e t al. 2005]. The equ ipm ent necessary for this type of 

m easurem ent was not generally available during testing. To d eterm ine if sample slip was a 

significant problem w ithin the range o f stretches utilized in this study a small num ber o f tests 

w ere  undertaken such a visual strain m easurem ent system. The strain was measured using the  

visual m ethod by placing tw o  marks in the central region of th e  dog-bone shaped sample and 

tracking th e ir displacem ent using a CCTV camera.

3.2.Z.2 Circumferential ring tests

Longitudinal tensile tests w ere not feasible for th e  fem oral or coronary arteries, as suitably large 

circum ferentia l strips could not be obtained. This was overcom e by using ring tests, as described 

by Cox e t a l [Cox 1982; Cox 1983], Although they are uniaxial tests, ring tests do not have a finite  

solution, and the tests are compromised by having stress concentrations caused by bending and 

residual stresses in th e  intact ring [Hum phrey 2002].

AL =  LqA q

(3. 2)

(3.3)

(3.4)

(3.5)

F  FA (3.6)
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Rings with a height of approximately l-2m m  were cut using a scalpel. The height, thickness and 

d iam eter m easurements were taken using a Mitutoyo toolmaker's  microscope, as described 

above. The samples were placed in custom-built grips with pins attached and tested  to  failure. 

The load-extension data obtained from the tests  was converted to  stress strain curves using the 

following formula [Cox 1983],

AF
^ 2 tw

2d  +  2na

W here o is the  1-D Cauchy stress, F is the  applied load, t and w are the specimen width and 

thickness, X is the  stretch, d is the  distance between the arms, a is the  radius of the  arms and Iq is 

the  initial length. Note that the  formula given above is an approximation, and not an exact finite 

solution determinable from first principals.

5.2.2.3 Radial compressive tests

For the  compressive tests, the  tissue was cut longitudinally as before. Circular samples were taken 

of the  tissue with a 3mm biopsy punch. M easurements were taken for the  diameter and height of 

th e  sample using a toolmaker's microscope. A compressive pre-load and pre-conditioning were 

applied as before, and the samples were tested  to  the  maximum compressive load allowed by the 

load cell. Two parallel platens were used to  apply the  compressive load. All samples buckled at 

sufficiently high loads. While these were, in most cases, far beyond the ranges of stretch studied, 

samples which buckled at lower values were discarded.

3.2.3 Curve fitting

The stress-strain behaviour of arteries can be described by using appropriate constitutive models. 

For data from the human coronary and illiac arteries [Schulze-Bauer e t  al. 2003; Holzapfel e t  al. 

2005], and for some of the  results of the  mechanical tests, several constitutive models were fitted 

to  the  stress-strain curves. The data from human arteries was included in this part of the study, as 

describing their behaviour for finite element analysis would be important for future studies (see 

Chapters 4, 5, and 6). This allowed a direct comparison between the  material models, and the 

selection of an appropriate one for finite element analysis. The models fitted included a simple 

Fung model, th e  Gent model, the  Ogden model and the third-order Moone-Rivlin model. The form 

of th e  equations used are summarised below. More complete details of each model are provided 

in Chapter 2.
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Fung:

r = ^ (ew-u-i) 13.9)

Gent:

^ G e n t ~  2
{3. 10)

Ogden:

^O gden ~  ^  +  ^ 2 ^ + ^ 3 ^ )  +  ^  (^ 1  ̂ +  ^ 2 ^+^“ ^)
“ 1 “ 2

(3.11)

Mooney-Rivlin:

K̂mr — ^10(^1 — 3) + aoi(^2 ~ 3) + a2oOi — 3)^

+ a i i ( / i - 3 ) ( / 2 - 3 )  +  a 3 o ( / i - 3 ) ^

(3.12)

The Gent, Ogden and Mooney-Rivlin models were differentiated, and constants fitted to all of the 

functions to minimise the error between the models and the data using the least squares method. 

For each artery and test type, the average of the constants was taken to give a representative 

curve. The stability of the curves given by the constants is important, i.e. the curve should not 

produce negative stress values for positive strains, and should be monotonically increasing. 

Furthermore, models were restrained to describing zero stress at a zero strain state.

For the Mooney-Rivlin model, it should also be noted that while imposing positive values is not 

always necessary for a function to be stable, the average curves, representative of particular 

tests, were unstable for many of the tests when this restraint was not imposed. Therefore, it was 

decided to only use positive values to describe the arteries and for implementation in finite 

elem ent models.

3.2.4 Biochemical analysis

Biochemical analysis was used on tissue samples to determine the relative amounts of collagen 

and elastin in the arteries. In order to relate the composition of the artery to its mechanical 

behaviour, the biochemical analysis was undertaken on the tissue that had been tested. Following 

testing, the specimens were cut in tw o with a scalpel and the w et weight obtained. The samples 

were then immediately placed in a freezer at -84°C. For each specimen a mechanical test was
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carried ou t on, one  half w as analysed for elastin co n te n t  and  th e  o th e r  for elastin con ten t.  This 

enabled  a collagen elastin ratio to  be ob ta ined  for each  test.

3.2.4.1 Elastin Assay

A Fastin Elastin Assay (Biocolor, N ew tow nabbey , Northern  Ireland) w as used  to  m easu re  th e  total 

elastin co n ten t  in th e  arteries. As th e  sam ples  contained  insoluble elastin, it was necessary  to  

convert this to  soluble a-elastin. To do this, th e  sam ples  w ere  placed in screw-top 2ml m icrotubes 

with 1.2ml 0.25M oxalic acid in an oven a t  100°C. After an hour, th e  sam ples  w ere  cooled to  room 

te m p e ra tu re  and centrifuged. The to p  1ml of oxalic acid was ex trac ted  and placed in a m icrotube 

for analysis. This 1ml of oxalic acid, or th e  first extraction, w as labelled and  s to red  in a fridge a t  

4°C. A fu rthe r  1ml of 0.25M oxalic acid was added  to  th e  sam ple  which was replaced in th e  oven. 

These s teps  w ere  rep e a te d  until th e  a r te ry  w as fully dissolved, and  th e  elastin fully solubilised. 

Depending on sam ple size and elastin con ten t ,  this took  4-6 extracts  to  achieve. W hen th e  last 

extract was com pleted ,  800|il of 0.25M oxalic acid w as added  to  th e  initial sample. 200^1 of each 

extract was added  to  a m icrotube, and this sam ple  w as used for analysis. S tandards of 12.5, 25, 50 

and lOOjil a-eiastin  w ere  prepared ,  and  to p p e d  up to  100^1 with 0.25M oxalic acid.

The first s tep  of th e  assay is to  add an equal vo lum e of elastin precipitating reagent.  After 

allowing sufficient t im e for th e  elastin to  precip ita te , th e  tu b e s  a re  centrifuged and  th e  liquid 

con ten ts  em ptied  from th e  tubes .  To each tube ,  1ml of dye rea g en t  is added . The tu b e s  a re  then  

mixed and placed on a ro ta to r  for 90 minutes. The tu b e s  a re  th e n  centrifuged again, and th e  

liquid con ten ts  drained. The elastin-dye complex can be seen  as reddish deposit  a t  th e  bo t tom  of 

th e  tube .  Dye dissociation reag en t  is th e n  added  to  th e  tubes .  The appropr ia te  quantity  may 

dep e n d  on th e  concentra tion  of th e  elastin. Generally, 1ml is added  to  th e  tubes .  If th e  sam ples  

ap p e ar  darker than  th e  highest (lOOnl) s tandard ,  th e n  it is fu r the r  diluted with dye dissociation 

reagent.  The samples are  th e n  t ransfe rred  to  a 96 well p la te  in triplicate, and  th e  absorbance 

reading a t  513nm  taken. The readings are  conver ted  to  elastin m e a su re m e n ts  using th e  s tandards  

curve. Full details of th e  assay protocol are  provided in Appendix A.

3.Z.4.2 Collagen Assay (Hydroxyproline)

As th e  collagen could not be suitably solubilised for use with a collagen assay, hydroxyproline was 

used as a m easure  of collagen c o n ten t  instead. Hydroxyproline is an imino acid, which is believed 

to  occur exclusively with collagen, in a fixed ratio. Therefore,  m e a su m e n t  of th e  hydroxyproline 

con ten t  allows calculation of th e  collagen con ten t .  The protocol outlined below is based on a
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procedure provided by Kafienah and Sims [Kafienah et al. 2004], full details of which are provided 

in Appendix B.

Samples for analysis were digested in lOmg/m l pepsin (dissolved in 0.5M  acetic acid), using a ratio 

between the wet weight and pepsin of 10:1. The samples were topped up to 500|al with acetic 

acid. The samples were placed in a rotator in an oven at 60°C for 12 hours. An appropriate aliquot 

was taken to obtain a reading in the mid-range of the standard curve, in this case SOOng of 

hydroxyproline. Aliquot sizes of 100^1 were used, with 100^1 of 38% hydrochloric acid added to 

each tube. These tubes were mixed, and incubated in an oven at 110°C for 18 hours. Following 

this, the samples were dried on a heating block at approximately 50°C for 24-48 hours. The 

samples were then reconstituted with 200nl of ultra-pure water and analysed. Standards of 

between 0 and Spil/ml were prepared using hydroxyproline stock solution.

For each sample, 60^1 (in triplicate) was added to a clear, 96-well plate. Assay buffer (20^x1) and 

chloromine-T reagent (40nl) were added. The plate was covered in tinfoil and allowed to incubate 

for 20 minutes at room tem perature. Using filtered pipette-tips, 80^1 of DMBA reagent was added 

to each well to  give cloudy solutions. These were mixed until the solution turned clear. The plates 

were then placed in an oven at 60°C for 20 minutes. Following cooling, the plates were placed in a 

plate reader and readings taken at 570nm. The hydroxyproline content of each sample was then 

calculated from the standard curve. This was used to work out the total hydroxyproline content in 

each sample, and thus the amount of collagen.

Individual Hydroxyproline to collagen ratios for each artery in the pig were not available. It has 

been shown that this ratio varies between species and sites of extraction [Ignat'eva et al. 2007]. 

Previous experiments on the porcine aorta have assumed that the average collagen molecule 

contains 10% hydroxyproline residues [Davidson et al. 1985], and this ratio is assumed for the 

experiments presented here.

3.2.5 Histology

Histological staining was carried out on artery tissue from the coronary and femoral arteries, as 

well as the aorta. Specimens were taken from either end of the tissue being used for the 

mechanical tests and biochemical assays, and ring shapes were taken so that histology could be 

used to view the cross-sections.

The artery samples are first fixed in paraformaldehyde overnight. They are then dehydrated 

through progressively stronger alcohol and xylene. After being washed In PBS, they are then

72



placed in m olten  paraffin wax. Following cooling, th e  wax should be  re-m elted  and re-cooled 

again for b e t te r  em bedding . The samples can th e n  be sliced using a m icro tom e, and m oun ted  on 

subbed  glass slides.

Slides are deparaffinised th rough  xylene and alcohol. The slides are  placed in elastin solution for 

t e n  minutes, rinsed in deionised w ate r ,  th e n  d ifferentia ted  in ferric chloride. The slides are  placed 

in th e  van Gieson solution for o ne  to  th re e  minutes, rinsed in alcohol and dehyd ra ted  to  xylene.

The stained slides can be exam ined under  a microscope, and pho tographed .  The full se t of 

protocols for histological staining a re  provided in Appendix C.

3.2.6 Statistical analysis

Results, w h ere  appropr ia te ,  are  expressed as m ean  ± s tandard  deviation. One way analysis of 

variance (ANOVA) was used to  de te rm in e  statistical significance, which was se t  at  P<0.05. Minitab 

so f tw are  version 15.1 (Minitab Inc, PA) was used  for all statistical analysis.
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3.3 Results

3.3.1 Mechanical tests

Results of the mechanical tests are presented as stress-stretch curves. The Cauchy stress ( cth)  is 

used, as this takes account of the change of cross sectional area with change in load. The 

geometry of the arteries is also presented. The stress-strain curves were investigated to 

determine whether the data was suitable for further evaluation -  samples that failed at the grips 

(or which buckled in the case of compressive tests) or at values of less than twice the pre-load, or 

that showed evidence of slippage were discarded. For the femoral artery, 21 of the 30 samples 

tested were suitable for analysis, while 9 of the 15 coronary and 10 of the 15 aorta 

circumferential and longitudinal samples were suitable for tensile tests.

The results of the slip verification tests showed that even by taking measurements to minimise 

slip, such as gluing sandpaper to the grips, some slip of the specimen did occur, see Figure 3.1. For 

stretch ratios below two, the amount of slippage was relatively small (less than 8%), and so 

samples were analysed at values lower than this. Further, the maximum stretches predicted by 

subsequent finite element models (see Chapters 3, 4, 5 and 6) were less than 1.8. All subsequent 

plots use stretch measurements based on the gauge length recorded by the materials testing 

machine.

150
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100 150 200 250
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Figure 3.1

Typical slip verification study showing strain measured using gauge length and visual technique.
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3.3.1.1 Geometry

Although all o f th e  samples w ere cut from  the same punch, the w idths of the dog-bone specimens 

varied, both betw een and w ithin artery types, see Table 3.1. This was as a result of residual 

stresses w ith in  the artery, which resulted in significant sample shrinkage following punching. The  

fem oral arteries in the pigs studied had very small inner d iam eters in th e  unpressurised state (<1 

m m ), though they w ere thicl<er than the coronary arteries. Statistical difference (P<0.05) was 

found betw een  the thicknesses of all th ree artery types (Figure 3.2).

Width Thickness

Coronary 2.304  + 0 .357 0.429  ± 0 .1 8 5

Femoral 2.234 ± 0 .3 7 9 0 .770  ± 0 .2 3 4

Aorta 1.734 ± 0 .2 3 4 1.794 ± 0 .2 2 4

Table 3.1

Average width and thickness o f the artery samples measured fo r mechanical tests.
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Coronary Femoral Aorta

Artery type

Figure 3.2

Thickness (mean ± standard deviation) o f three different artery types. Statistical difference 

(P<0.05) is indicated with an asterisk (*).

3.3.1.2 Coronary arteries

The coronary artery samples tested exhibited behaviour typical o f biological soft tissues. The

stress stretch data was highly non-linear, see Figure 3.3. The samples, initially highly distensible,

stiffen continually as the load is increased. Pre-conditioning the arteries lead to  repeatable stress-
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strain behaviour within 5 cycles, as demonstrated in Figure 3.3. The arteries show high variability 

in behaviour, both between samples and between animals. This is seen in the ultimate tensile 

strength, stiffness, and rate at which the artery stiffens as the collagen fibers are recruited. A 

comparison of the tests in the longitudinal (tensile, see Figure 3.4) and circumferential (ring tests. 

Figure 3.5) demonstrates the anisotropy of the material. Note that the stress strain curves show 

material behaviour after pre-conditioning.
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Figure 3.3

Typical pre-conditioning cycles fo r porcine arteries.
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Figure 3.4

Stress-stretch curve fo r  tensile tests on coronary arteries in the longitudinal direction.
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Figure 3.5

Stress-stretch curve fo r  circumferential ring tests on coronary arteries.

3.3.1.3 Femoral arteries

As peripheral arteries were of primary interest for this stucJy, more femoral artery samples were 

tested than coronary arteries or aortas. This allowed a more comprehensive profile of the
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mechanical behaviour of the arteries to be studied. As with the coronary arteries, the femoral 

arteries show non-linear behaviour (Figure 3.6 and Figure 3.7). As more femoral arteries were 

tested than coronary arteries, a greater range of material behaviour is seen in the former. Note 

that for compressive tests, the results are presented as positive stresses and strains by multiplying 

the values by -1. This enables more direct comparison with the tensile tests.

Pig 2 
Pig 3
Pig 4 
Pig 5
Pig 7

CD
CL

</)
U)
CD

CO

0.5

stretch

Figure 3.6

Stress-stretch curve fo r tensile tests on fem oral arteries in the longitudinal direction.
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Figure 3.7

Stress-stretch curve fo r compressive tests on fem oral arteries.

3.3.1.4 Aorta

The aorta was the only vessel large enough to allow suitably sized circumferential strips to be 

tested without the need for ring tests, and so the circumferential and longitudinal properties
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could be compared fo r identical tensile tests. The results show that the aorta is slightly stiffer in 

th e  circum ferential direction (Figure 3.8 and Figure 3.9). This is d ifferent to  the coronary artery, 

w here th e  arteries are stiffer in the longitudinal direction. The longitudinal samples also show less 

non-linearity, and fail at a low er stress.
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Figure 3.8

Stress-stretch curve fo r tensile tests on aorta in the longitudinal direction.
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Figure 3.9

Stress-stretch curve fo r tensile tests on aorta in the circumferential direction. 

3.3.2 Curve Fitting

In order to  determ ine an appropriate constitutive m aterial model, several o f the com m only used 

models w ere  com pared, as shown in Figure 3.10. The Fung, Gent, Ogden and M ooney-Rivlin  

models describe the behaviour of hyperelastic arteries to  varying degrees o f accuracy. 

Comparisons can be m ade by looking at the error in th e  model (the difference betw een the stress
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provided by the constitutive model for a given strain and the data), see Table 3.2, Table 3.3, Table 

3.4, and Table 3.5. For a range of arteries, it was found that the Ogden and Third-Order Mooney 

Rivlin models provided the best fit for the data (the intima of a human coronary artery, [Holzapfel 

et al. 2005]), see Figure 3.10. How/ever, it should be noted that the variation between the 

different models was small compared with the variation between specimens, even from the same 

animal.

The Mooney-Rivlin model was selected, as it provided good accuracy, was stable with positive 

coefficients, and was easily implemented in commercial finite element software.
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Figure 3.10

Fitting constitutive equations to human coronary intima stress-strain data. Data taken from  

[l-iolzapfel et al. 2005]

Intima Media Adventlta

a 325.667 3.756 6.298

P 48.257 17.951 25.979

Error 2.902 11.502 11.251

Table 3.2

Constants fitted  to Fung model fo r human coronary intima, media and adventitia. Error provided is 

absolute error.
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Intima Media Adventita

M [kPa] 260.343 21.620 23.875

Jm 0.016 0.328 0.143

Error 25.365 23.220 11.300

Table 3.3

Constants fitted  to Gent model for human coronary intima, media and adventitia.Error provided is 

absolute error.

Intima Media Adventita

Hi 29727.71 0.047247 0.000469

Hz 29727.71 0.047247 15.36124

Oi 0.143567 25.56693 60.99805

0 2 0.143567 25.56693 7.78844

Error 36.3707 16.08216 4.771

Table 3.4

Constants fitted  to Ogden model for human coronary intima, media and adventitia.Error provided 

is absolute error.

Constants

[Pa]
Intima Media Adventita

Cio 84237.8 3555.26 7146.48

Coi 5057.85 662.391 636.828

Cjo 765063 18684.4 95792

Cii 1.5e6 21548.3 8035.15

C30 42380.6 19774.6 99314.9

Error 7.302 24.457 4.596

Table 3.5

Constants fitted  to third-order Mooney-Rivlin model for human coronary intima, media and 

adventitia. Error provided is absolute error.
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The average values for the Mooney-Rlvlin constants for each artery and test type were obtained. 

The strain-energy functions obtained by this method were plotted against the test data. An 

example of this is seen in Figure 3.11. Each artery type and test then had a set of constants (see 

Table 3.6), which allowed a plot of the average stress strain curves for each artery, see Figure 

3.12. The benefit of having an average curve for each test type is that different artery types can 

be compared directly, as demonstrated in Figure 3.12. In the longitudinal direction, the coronary 

artery is the stiffest, the aorta the least stiff, and the femoral artery is between the tw o (Figure 

3.12). The anisotropy of the coronary artery and the aorta can be seen by comparing the 

behaviour in the longitudinal and circumferential directions. The coronary artery is stiffer in the 

longitudinal direction than the circumferential direction, whereas the aorta is stiffer in the 

circumferential direction. Also, a difference in the material response is seen in the femoral artery 

between tension and compression, where the artery is seen to be significantly less stiff in 

compression than in tension. Note that the compressive stress-strain curves are presented as 

positive so that a direct comparison can be made with the tensile counter-parts.

Samples 
Average Curve

as
CL

C/D

0.5

Stretch

Figure 3.11

An example o f stress-strain data (circumferential porcine ring tests) and a representative curve 

obtained by taking the average constants o f the Mooney-Rivlin curves.
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Femoral Femoral Coronary Coronary Aorta Aorta

(long.) (comp.) (long.) (ring) (long.) (Circ.)

Cio 0.044943 0.005352 0.076116 0.021613 0.029342 0.021925

Cfll 0.026398 0.022095 0.0281 0.054419 0.002369 0.065854

C 2 0 0.391715 0.022939 0.860027 0.140615 0.038586 0.112501

Cii 0.524977 0.131445 0.660409 0.078754 0.197393 0.192119

C 3 0 0.397492 0.000391 0.961346 0.083516 0.014235 0.095434

Table 3.6

Average third-order Mooney-Rivlin constants fo r  porcine aorta and fem ora l and coronary arteries.

Femoral (L) 
Femoral (Comp) 
Coronary (L) 
Coronary (Ring) 
Aorta (L)
Aorta (C)______

0.5

Stretch

Figure 3.12

Average curves fo r  each artery and test type using constants shown in Table 3.6. (Note: L = 

longitudinal, Comp = compressive and C = circumferential).

3.3.3 Biochemical analysis

Results obtained from the biochemical assays were expressed as a percentage of dry weight. 

While the elastin content could be ascertained directly from  the assay, collagen content was 

measured indirectly, by measuring hydroxyproline quantities. All assays were measured in 

triplicate, and samples where the duplicates exceeded ±10% o f the mean value were discarded. 

This was applied to  the standards as well as the samples, and only standard curves w ith values 

greater than 0.95 were considered.
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3.3.3.1 Collagen content

The coronary arteries analysed had th e  highest am ount of collagen, with 37.37 %, see Figure 3.13 

and Table 3.8. The femoral arteries and aortas had averages of 21.79 and 22.09 % collagen 

respectively. Statistical difference was found betw een th e  coronary artery and both th e  o ther 

arteries, but not betw een th e  femoral artery and the  aorta (Figure 3.13).

3.3.3.Z Elastin content

The aortas w ere found to  have an elastin conten t of 17.73 ± 5.14 %. This was g reater than the  

coronary (12.22 ± 2.91 %) and femoral (11.71 ±3.27 %) arteries, see Figure 3.14. Statistically 

significant differences w ere observed betw een the  aorta and the  coronary and femoral arteries, 

but not betw een the  coronary and femoral arteries, see Figure 3.14.
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Figure 3.13

Collagen content (mean + standard deviation) of th ree  different artery types as a percentage of 
dry weight. Statistical difference (P<0.05) is indicated with an asterisk (*).

84



★

20 -

c

«  10- 
U J

Coronary Femoral Aorta

Artery Type

Figure 3.14

Elastin content (mean ± standard deviation) o f three different artery types as a percentage o f dry 

weight. Statistical difference (P<0.05) is indicated with an asterisl< (*).

3.S.3.3 Collagen elastin ratio

It has been proposed that the ratio of collagen to elastin is related to the distensibility of arteries 

[Fischer et al. 1966]. Therefore, the collagen to elastin ratio (C:E) of the three artery types is 

presented, see Figure 3.15 and Table 3.8. Statistical differences in C:E were observed between all 

of the artery types (Figure 3.15).
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Coronary Femoral Aorta

Artery Type

Figure 3.15

Collagen to eiastin ratio (C:E) (mean ± standard deviation) o f three different artery types. 

Statistical difference (P<0.05) is indicated with an asterisk (*).

3.3.4 Histology

The histology slides show the distribution of the composite elem ents w ithin th e  artery walls. By 

highlighting the collagen, eiastin and smooth muscle tissue in d iffe ren t colours (see Table 3.7 the  

structure of each artery is highlighted.

In the coronary and fem oral arteries, th ree  distinct layers can be seen (Figure 3 .16  a & b). The 

intim a appears as a th in, rippled layer. The media is the most significant layer, w ith  muscle fibers 

(yellow), collagen (red) and eiastin (black) all visible. The adventitia of the coronary artery (Figure 

3.16  (a)) is thicker, but less dense, than the fem oral adventitia (see Figure 3 .16 (b)). The intima, 

media and adventitia of the aorta are less distinguishable. Instead, small, repeating, concentric 

layers are seen, w ith  little change in th e  am ounts of collagen and eiastin betw een th e  inside and 

outside, as shown in Figure 3 .16 (c). The eiastin (black) is most prom inent in th e  aorta.
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Tissue element Colour

Elastic fibers 

Nuclei 

Collagen 

Muscle and other

Blue black to black 

Blue to black 

Red 

Yellow

Table 3.7

The tissue elements differentiated by the Verhoeff-van Gieson staining.

Figure 3.16

Typical histological slides o f (a) coronary artery, (b) fem oral artery and (c) aorta.

The structure and composition of the arteries can be compared with the average stress-stretch 

curves. The coronary artery, the stiffest of the three measured, has the most collagen (red) 

visible. The aorta, the least stiff of the three arteries, has the most elastin (black) visible.

3.3.5 Relating structure to function

One of the objectives of this study was to relate the structure of the artery to its function. In this 

case, the structure is the collagen to elastin ratio, and the function is the stress-strain behaviour. 

The Fung constitutive model was used to compare structure and function of the arteries studied, 

as it only contained two terms and provided a good fit to the data. Plots were made of the two 

parameters (alpha, a, and beta, 3, which do not have a physical meaning) against the collagen 

content, elastin content and collagen to elastin ratio, see Figure 3.17.
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Figure 3.17

Correlation between alpha and (a) collagen, (b) elastin and (c) C:E, and beta and (d) collagen, (e) 

elastin and (f) C:E fo r  the fem oral artery.

Within artery types, there is no relationship between the stiffness of the artery and the collagen 

to  elastin ratio. However, when average curves for each of the artery types are taken, the stiffest
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artery (coronary) is shown to have the highest C:E ratio, while the least stiff (aorta) has the lowest 

C:E ratio Figure 3.18. No correlation is found between either of the two parameters from the Fung 

constitutive model ( and ) and the elastin content, collagen content or collagen to elastin ratio. 

The most notable trend was an inverse relationship between 6 and the elastin content, with no 

noticeable correlation between 6 and the collagen content. Both a  and 6 appeared to increase 

with increasing C:E ratio.

3.12
1.89

1.58
(d
Q.

tfi
inu

0.5 Femoral
Coronary
Aorta

Stretch

Figure 3.18

Average curves fo r fem oral and coronary arteries and aortas with collagen to elastin ratios.
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3.4 Discussion

3.4.1 Mechanical properties

All of the  arteries tested  exhibited mechanical properties typical of biological soft tissues, and in 

particular arteries. Large strains and non-linearity were observed before failure. This is to  be 

expected in a material tha t  can be modelled as stiff fibres (collagen) in a ground-matrix (elastin 

and smooth muscle). The highly distensible matrix, and in particular the  elastin, are thought to 

bear the load at low forces [Roach e t  al. 1957]. As the load is increased, the  collagen fibres are 

recruited in the  direction of loading, and so begin to  bear the  load. As the  load is increased, more 

of these  fibres are recruited, and the  material continues to  stiffen. This behaviour is well 

documented in the literature [Fung e t  al. 1979; Fung 1981; Humphrey 2002; Humphrey e t  al. 

2004]. The alteration of material behaviour with repeated loading, or preconditioning is also 

shown, where repeatable behaviour is only seen after a number of loading cycles.

Strong anisotropy was also shown for all of the  artery types. For the  femoral artery, a difference is 

seen between the  compressive and tensile tests. Tests on the  coronary artery and aorta produce 

differences in stiffness according to  the  direction, longitudinal or circumferential, of loading.

The test  show that the  femoral artery performs significantly differently in compression than in 

tension. This could be important for modelling stenting and angioplasty procedures, where 

accurate prediction of radial compressive forces could be important. Models exist which capture 

the anisotropy of arteries in tension, but not the  difference in behaviour in compression. While 

data has been published on the  tensile and compressive behaviour of plaques [Maher e t  al. 2009], 

the  equivalent results for arteries are not currently available. The data presented herein suggests 

tha t  further quantification of tension-compression non-linearity in arterial tissue is necessary.

The aorta is the  only vessel tha t  allowed a comparison between uniaxial tensile tests in different 

directions. The longitudinal samples were less stiff than the  circumferential ones, and displayed 

less pronounced non-linearity and had noticeably lower failure strengths. The anisotropy shown 

suggests the  fibres are more aligned in the  circumferential direction, as has been seen with 

human aortic medias and adventitia [Holzapfel e t  al. 2002]. This may explain the  less obvious non- 

linearity and the lower failure strengths. As the  dog-bone samples had significantly greater 

lengths than widths, fibres perpendicular to  the load may have been isolated during longitudinal 

tests. Hypothetically, if the  fibres were all aligned perpendicular to  the  load, then the  fibres would 

not bear load and the  structure would dem onstrate  the  mechanical properties of the  matrix. 

More realistically, the  fibres would be dispersed, so tha t a num ber of them would still be 

recruited in the  direction of loading.
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Unlike the aorta, the coronary artery was stiffer in the  longitudinal direction, though the  test  

types were not identical. This suggests fibres aligned more towards the  longitudinal direction, as 

has been shown for human coronary artery intima and adventitia [Holzapfel e t  al. 2005].

A number of errors were associated with each tes t  type. When carrying out uniaxial tensile tests, 

samples will slip from the  grips during loading. The slip verification tests  showed relatively small 

amounts of difference (maximum of 8% difference at 100% strain), but were only carried out on 

th ree  samples. The amount of slip would be expected to  depend strongly on the  sample being 

tested. Ideally, all tests should have strain measured using a visual method.

Ring tests are a convenient method of testing smaller samples, where taking circumferential 

tensile samples is not feasible. This method does not have an exact finite solution, and owing to 

the  necessarily small size of the samples, errors in m easurem ent are proportionally greater. Stress 

concentrations are also found at the  pins. The problem of sample slippage is eliminated with this 

testing method.

Samples cut for compressive tests showed a radially dependent pre-stretch. The tissue closest to 

the  intima shrunk more than the tissue at the  adventitial end, leading to  deviations from the 

cylindrical punch shape; instead of having straight edges, the  samples had a conical shape. 

Average measurements were taken of the  diameter at different depths. This effect was more 

pronounced in the  thicker aorta.

3.4.2 Curve fitting

All of the  constitutive models investigated showed a good general agreem ent with the  tes t  data, 

either from experiments or from the literature. Generally, the  variation between models was 

found to be considerably less than the  variation between samples, which suggests that capturing 

the  general material behaviour may be more important than predicting exact stress states (except 

in the  case of patient specific studies). The Gent model, which had only two parameters, showed 

some higher error values at lower strains, and so was considered unsuitable. The Ogden and 

Mooney-Rivlin models produced very good data fits, and are available in most commercially 

available finite element software packages. The Mooney-Rivlin model was chosen for future 

studies, as it provided a good fit to  the data, enabled average curves for each artery type to  be 

plotted and was available in MSC Marc finite e lement software. The Ogden model would also 

have met these criteria.
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3.4.3 Biochemical analysis

Collagen and elastin content in the three artery types studied differed from a similar study on 

canine arteries [Fischer et al. 1966], but the collagen to elastin ratios were very similar, see Table 

3.8.

Collagen Elastin C:E

C:E

(Literature)

Coronary 37.37 12.22 3.06 3.12

Femoral 21.79 11.71 1.86 1.89

Aorta 22.09 17.73 1.25 1.58

Table 3.8

Collagen content, elastin content and collagen to elastin ratio fo r coronary and fem oral arteries 

and aorta. The literature data presented is taken from  a previous study on canine arteries [Fischer 

eta l. 1966].

Collagen and elastin contents were calculated as a percentage of wet weight, with a water 

content of 70% assumed to obtain the dry weight percentages [Fischer et al. 1966], This was so 

that samples could be frozen immediately to prevent tissue degradation. Though a change in 

w ater content would alter the relative amounts of collagen and elastin expressed as a percent of 

the dry weight, the C:E ratio would remain the same.

For all of the biochemical analysis, some error could be expected from pipetting very small 

quantities of liquid. However, the standard curves all showed very good and consistent fits. The 

assumption of a collagen to hydroxyproline ratio of 10:1 means that this assay is not as accurate 

as directly measuring the collagen. This ratio was used because individual ratios were not 

available for each of the artery types measured.

Because collagen and elastin could not be measured from the same sample, each tested sample 

was cut in two. The continual variability of artery samples means that each half would not be 

exactly representative of the whole.

3.4.4 Histology

Histology is useful method for looking at the structure of arteries. Features such as the distinctive

layers, the internal and external elastic laminas and the endothelial layer can be discerned, as well
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as the repeating units seen in the aorta. It also allows areas of elastin, collagen and other tissue to  

be discerned.

The stiffest artery, the coronary artery, had large amounts of collagen (red) visible, while the 

aorta (the least stiff), was predominantly black (elastin). Detailed image analyses were not carried 

out, but this shows that generalisations about the material properties can be made from 

investigating the histology, i.e. materials with more collagen visible are stiffer, while less stiff 

materials would be expected to show more elastin.

These general observations are broadly similar to the results obtained from the biochemical 

analysis. However, the variability of histological results would bring into question the accuracy of 

using image analysis for the quantification of biochemical components. Over or under-exposure in 

the staining process could lead to one of the constitutive elements being over or under

represented. Quantitative histology has been used in previous studies, but with different staining 

protocols. Collagen and elastin can be stained using porcrosirius red and Verhoeff van Gieson [Hu 

et al. 2008], or hematoxyline and eosin and Miller's elastic stain [Fridez et al. 2003]. Based on the 

results presented here, it is recommended that appropriate assaying is the preferred method of 

determining the biochemical contents of arteries.

The hypothesis that the structure and composition of arteries, and in particular the collagen to 

elastin ratio, can be used to predict the behaviour of arteries provided mixed results. Comparing 

different artery types showed that the stiffest arteries (coronary) had a higher collagen to elastin 

ratio than the less stiff arteries (aorta), see Figure 3.18. Despite the order being the same, there 

was no clear relationship between the increase in C:E ratio and the stiffness. For example, there is 

a greater increase in stiffness between the aorta and femoral artery than between the femoral 

artery and coronary artery but with a smaller increase in C:E ratio. Also, the demonstrated 

anisotropy means that even comparing longitudinal tensile properties will incorporate differences 

in fiber orientation as well as differences in stiffness.

The aorta and the femoral artery have approximately the same collagen content (22.09 and 

21.79% respectively), yet exhibit different mechanical behaviour. This reaffirms a suggestion 

previously proposed that the collagen to elastin ratio "may be useful in establishing an index of 

relative distensibility" [Fischer et al. 1956]. In other words, it is the ratio of the two components, 

rather than the relative amount of either, that is important. It can be speculated that the reason 

for the difference in behaviour between two materials (femoral artery and aorta) is the amount of 

elastin, which is higher in the aorta. The amount of elastin, and indeed the amount of smooth
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muscle tissue in the matrix in which the collagen fibres are embedded may influence the 

behaviour of the collagen fibres in tension.

When comparing similar artery and test types, for example longitudinal tests on femoral arteries, 

no relationship is obtained between the C:E ratio and the stiffness. It was hoped that the C:E ratio 

could be related to the parameters of the Fung constitutive model, but this proved not to be the 

case. Although only the femoral longitudinal results are presented here, similar results were 

found for other tests. Other studies have focussed on the angles of the fibres, and incorporating 

this into an anisotropic model [Holzapfel et al. 2000], as detailed in Chapter 2.
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3.5 Conclusions

The arteries tested showed the non-linear, anisotropic qualities expected of biological soft tissues, 

and w ere suitable fo r describing m aterial behaviour for fin ite  e lem ent models. Large variations  

w ere  found betw een samples, even from  the same animals at adjacent sites. Biochemical assays 

and histology w ere used to  analyse the structure and content o f the arteries. Assays gave 

accurate quantification of the constitutive elem ents of the arteries, in this case collagen and 

elastin. This enabled collagen to elastin ratios to  be determ ined  for each mechanical test, which in 

turn  allow ed the mechanical function of the arteries to  be related to  the structure. W hile the  

large variation of mechanical behaviour w ith in  arteria l groups m eant th a t a direct correlation  

betw een th e  collagen to  elastin ratio and th e  stiffness could not be determ ined, betw een  

diffe ren t artery types stiffer arteries w ere found to  have higher collagen to  elastin ratios. 

U ltim ate ly , the composition was found to  be a poor indicator o f artery function, which suggests 

th a t factors such as fiber orientation may be just as im portant in describing m aterial behaviour.
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4.1 Introduction

This chapter investigates appropriate methods for modelling the expansion of a stent inside a 

human artery. As appropriate human tissue is difficult to obtain, porcine arteries are often used, 

both for pre-clinical trials and for finite element models. Pigs are used for such experiments 

because of the similarity betw/een the cardiovascular systems of the species. The differences in 

pathological responses have also been studied extensively. However, few efforts have been made 

to quantify the differences in mechanical responses between pigs and humans. An understanding 

of such differences may be important in Interpreting the results of pre-clinical trials. Here, the 

work carried out in Chapter 3 is compared with similar work based on human arteries. The 

Mooney-Rivlin models obtained in Chapter 3 were used in finite elem ent models, and compared 

with similar models using human data. The consequences of using animal data were investigated 

in terms of the stresses induced in arteries using different stent designs.

4.1.1 Background

Pre-clinical testing of medical devices is essential for ensuring their functionality and safety, and is 

the first step in preparing a device for widespread use in humans. The three broad methods for 

use in pre-clinical testing are (i) computational modelling, (ii) laboratory bench testing and (iii) 

animal experimentation. While there are advantages and disadvantages to each of these 

methods, it is generally seen as desirable to obtain as much information as is possible from (i) and 

(ii) and less from (iii), owing to cost and ethical reasons. Furthermore, inter-species variations in 

biological, toxicological and mechanical factors mean that animal models will not always provide a 

suitable representation of the environment to be experienced by an implant in vivo.

Pigs are often used for pre-clincal testing of cardiovascular devices such as stents, angioplasty

balloons, heart valves and grafts, owing to the similarity of the cardiovascular systems (see

Touchard & Schwartz for refs). Porcine arteries also exhibit similar healing responses to human

arteries, including inflammation [Touchard et al. 2006] and neo-intimal formation [Schwartz et al.

1990]. However, animal models for some medical devices may have little biomechanical relevance

[Prendergast et al. 2001]. For example, the lower stiffness of porcine arteries has already been

identified as potentially problematic, with particular reference to anostomotic connectors [van

Andel et al. 2003]. This difference is exacerbated by the use of young (~ 6 months) pigs and aged

(~ 60 years) patients. Also, the intima of human arteries continually thickens with age, even in the

absence of atheriosclerosis [Velican et al. 1985]. Layer-specific testing has shown the intima to

become mechanically dominant in humans (mean age = 71.5 years) [Holzapfel et al. 2005], and

has provided useful data for implementation in finite element models [Capelli eta l. 2008; Gervaso
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et al. 2008; Zahedmanesh et al. 2009]. Some previous studies had disregarded the intima when 

modelling arterial behaviour, under the assumption that only the media and adventitia were 

mechanically relevant in healthy arteries [Holzapfel et al. 2000], The usefulness of constitutive 

models obtained from animal data for the testing of stents has already been questioned 

[Holzapfel et al. 2005], This issue has becomes particularly pertinent with the availability of 

comprehensive human data [Schulze-Bauer et al. 2003; Holzapfel et al. 2005]. More broadly, 

questions continue to be asked about the interpretation of results obtained in pre-clinical trials in 

a clinical setting [Lafont et al. 1998; Edeiman et al. 1999].

Various aspects of stent design have been shown to affect clinical outcome [Grenacher et al. 

2004; Morton et al. 2004], One such design feature is the thickness of the stent struts. The ISAR- 

STEREO trial demonstrated that thicker struts induce higher rates of restenosis (25.8 %) than 

thinner struts (15.0 %) [Kastrati et al. 2001]. Finite element models based on this study have 

shown that the greater recoil seen with the thinner strut models causes lower stresses in the 

artery wall, which may explain the lower rates of restenosis [Zahedmanesh et al. 2009). In a 

similar study, but with different stent designs and using rabbit arteries, no difference was found 

between thick (200 nm) and thin (125 nm) struts in early lumen thrombus or late intimal 

thickening [Garasic et al. 2000], In an editorial in 'Circulation', a number of trials which compared 

first generation Palmaz stents with second generation stents were highlighted [Edeiman et al. 

1999]. Three of four trials showed less variability in terms of binary restenosis, percentage 

restenosis, minimum lumen diameter and late lumen loss between stent types than between the 

Palmaz trials. In another animal (pig) trial, three stent designs were found to have similar 

outcomes in terms of injury scores, cellular proliferation idexes, and adventitial areas after 7, 14 

and 28 days [Taylor et al. 2001]. Randomised clinical trials in humans have shown that stent 

design is an important factor in determining the outcome [Kastrati et al. 2000]. This demonstrates 

that animal models may not always be a good indicator of the relative success or failure of stents, 

as the response may be different to that In humans.

The hypothesis of this study is that the failure of certain animal trials to predict long-term stenting 

outcomes in humans is due to differences in the mechanical properties of arterial tissue between 

humans and animals. Three studies were carried out to compare particular aspects of the 

mechanical response in human and porcine arteries. Two studies will be carried out to investigate 

the influence of stent design on human and porcine coronary arteries. The first of these will look 

at strut thickness, and will attempt to model the ISAR-STEREO trials [Kastrati et al. 2001], The 

hypothesis of this study is that the thicker, stiffer intima seen in human arteries may cause 

greater variation in recoil of stents than porcine arteries according to stent design, which in turn
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influences a r te ry  s tres ses  and ou tcom e.  The second study will look a t  s te n t  design, and com pare  

th e  variation seen  b e tw e e n  s te n t  designs in th e  tw o  ar te ry  types. The intimal thickening se en  in 

hum an  arte r ies  is again hypothesised  to  d ifferentia te  b e tw e en  th e  tw o  ar te ry  types, in this case 

providing g rea te r  variability b e tw e e n  s te n t  designs in hum an  arteries. The final s tudy  is to  

investigate  th e  inter-species differences in te rm s  of nitinol s te n ts  expanded  in peripheral arteries. 

Here, th e  lumen gain, and  change in lumen d ia m e te r  during th e  cardiac cycle is investigated. Most 

im portantly  though ,  th e  objective of this study  is to  u nders tand  th e  d ifferences b e tw e en  hum an 

and porcine ar te r ies  as an env ironm en t  for s te n t  p lacem ent ,  and  to  use this inform ation to  help 

in te rp re t  th e  results ob ta ined  from pre-clinical animal trials. This s tudy  will focus purely on the  

mechanical response  caused  by th e  s ten t-ar te ry  interaction, and will not s tudy  th e  consequences  

of variation in o th e r  factors such as haem odynam ics or  th e  pathological response  to  injury.
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4.2 Methods

4.2.1 Finite Element Analysis

Finite e lement analysis was used to  model the expansion of stents in human and porcine arteries. 

A commercially available finite element analysis software package, M arc/Mentat 2007 (MSC 

Software Corporation, Santa Ana, California), was used. Finite element models of stents and 

arteries were created, and the vessel stresses were analysed following sten t expansion and 

following recoil. All models used an implicit single-step Houbolt solver, with friction-free, discrete 

contact unless otherwise stated. Large strain analysis with an updated Lagrangian procedure was 

used. Each load-case had fixed times of one second, consisting of 100 steps. Details of mesh- 

density studies carried out are given with each model presented.

4.2.1.1 Geometry

Models of coronary and peripheral arteries were used for the  simulations. Each artery was 

idealised as a hollow cylinder. These cylinders were subdivided into th ree  concentric hollow 

cylinders to  represent the three layers (intima, media and adventitia) of the  artery, as shown in 

Figure 4.1. The ratios were the same as those obtained from the  original studies [Schulze-Bauer e t 

al. 2003; Holzapfel e t al. 2005], see Table 4.1. Symmetry was used where appropriate, depending 

on the  stent type being used in the  simulation. Marc type 84, 8-node elements with full and 

Hermann integration were used to  mesh the  artery. This element type enabled the  use of a hyper

elastic material type. The (full) coronary artery model was discretised by 144,000 elements, with 

an equal number of elements in each layer.

Pirteru Intima

Media

Adven t i t i a

Figure 4.1

Geometry o f (a) porcine and (b) hun)an arteries.
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Coronary

Artery

Peripheral

Artery

Inner Diameter [mm] 3 8

Thickness [mm] 0.5 1

Length [mm] 20 40

lnt:med;adv 27:36:40^ 15:55:32^

Table 4.1

Dimensions o f coronary artery models. Ratios taken from ^[l-lolzapfel et al. 2005] and ^[Schulze- 

Baueret al. 2003],

To investigate the effect of stent design on arterial stresses, a number of stent designs were 

modelled for expansion in the arteries described above. To investigate the influence of strut 

thicknesses on arterial stresses, stent geometries based on the designs used in the ISAR STEREO 

Trials [Kastrati et al. 2001] were used. These were the ACS RX MultiLink (ML Thin) and the ACS 

MultiLink RX Duet (ML Thick), and were the same geometries as those used by Zahedmanesh et al 

[Zahedmanesh et al. 2009]. The two MultiLink designs had the same planar design, but had 

different strut thicknesses, see Table 4.2 and Figure 4.2. To reduce computational times, 

symmetry was used where possible. The Multilink models were not symmetrical in the 

longitudinal direction, but in the circumferential direction the design was repeated every 120°, so 

one third models could be used.

Figure 4.2

Geometry and mesh o f MultiLink stent showing (a) complete model o f ML Thick stent and one

third segments modelled of(b) ML Thick and (C) ML Thin stents.
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Two o th e r  s te n t  types w ere  modelled. O ne of th e se  designs was based  on th e  Palmaz s ten t ,  as 

show n in Figure 4.3(a). This was o ne  of th e  first s ten ts  im planted  in hum ans,  and is based on a 

simple s lo t ted  tu b e  geom etry . The o th e r  model was based  on th e  Cypher s ten t .  The geom etry  for 

this  s te n t  w as ob ta ined  from th e  S ten t Research Unit at  th e  University of G hent [Gent], see  Figure 

4.3(b). All th e  s te n t  models w ere  m eshed  with Marc type 7 e lem ents .

A nitinol s te n t  model was also c rea ted  for expansion in th e  peripheral artery. This was a generic 

version of th e  commercially available nitinol stents .  Nitinol s ten ts  are  initially a t  the ir  fully 

expanded  d iam eter ,  are  com pressed  into shea th s  and re leased  in th e  artery, w here  they  recover 

th e ir  original shape.

Figure 4.3

Geometries and meshes o f (a) Palmaz and (b) Cypher stents.
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Length

[mm]

Diameter

(outer)

[mm]

Strut

Thickness

[^m]

Repeating 

units (long 

X circ)

Symmetry

Target

Diameter

(inner)

[mm]

ML Thin 7.2 1.72 50 3x3 1/3 3.75

ML Thick 7.2 1.54 140 3x3 1/3 3.75

Palmaz 10 1 100 8x12 1/4 3.75

Cypher 8.4 1.15 150 4x6 1/2 3.75

Table 4.2

Geometric properties o f stents used in fin ite  element models.

4.2.1.2 Material Properties

The arteries for the simulation were modelled as hyper-elastic by using third-order Mooney-Rivlin 

models. Data for the porcine artery models was taken from the circumferential ring tests 

described in Chapter 3. The porcine arteries were assumed to be homogenous. The absence of 

intimal thickening, the small size of the intima and the small variation in stiffness between the 

media and adventitia (see Chapter 3) means that this assumption is more valid for porcine 

arteries. The human arteries were modelled on layer-specific tensile tests carried out on aged 

(mean age of 71.5 years) human coronary arteries with non-atherosclerotic intimal thickening 

[Holzapfel et al. 2005]. Appropriate constants were fitted to the circumferential data from this 

study and used to describe the material behaviour in the finite element models (Figure 4.4 and 

Table 4.3). Note that the data is only available up to stresses of less than 150 kPa (depending on 

the layer), and that beyond these stresses, interpolation of the curves is assumed.
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Figure 4.4

Stress-stretch curves fo r human arteries and third-order Mooney-Rivlin models fitted  to data.
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Figure 4.5

Circumferential stress-stretch data fo r porcine and human arteries.
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Constan ts

[Pa]
Intima Media Adventitia Pig

n o 84237.8 3555.26 7146.48 21613

Coi 5057.85 662.391 636.828 54419

C20 765063 18684.4 95792 140615

Cii 1.5e6 21548.3 8035.15 78754

C 3 0 42380.6 19774.6 99314.9 83516

Table 4.3

Third-order Mooriey-Rivlin constan ts f i t te d  to  da ta  fo r  human and porcine coronary arteries.

The material for th e  s ten ts  was 316L stainless steel. This was m odelled  as a bi-linear, elasto-plastic 

model based  on stress-strain  curves ob ta ined  from te s ts  on micro-samples [Wiersma e t  al. 2006]. 

W hen modelling devices such as s ten ts ,  it is im portan t  to  replicate th e  behaviour of microscopic 

specim ens ra th e r  th a n  macroscopic specim ens. This is because  th e  dim ensions of s te n t  s t ru ts  are 

of th e  sa m e o rder  of m agn itude  as th e  grains of th e  metal.  This causes th e  microscopic specim ens 

to  have a lower tensile  s treng th  and a higher ductility th a n  macroscopic spec im ens  loaded in th e  

sa m e way [Wiersma e t  al. 2006].

The nitinol model im p lem en ted  in th e  MSC Marc so ftw are  is based  on an algorithm deve loped  by 

Auricchio e t  al [Auricchio e t  al. 2002], which describes th e  stress induced transfo rm ations  in a 

th ree-d im ensional model. The cons tan ts  w ere  taken  from Favier e t  al [Favier e t  al. 2006], and 

have b een  used e lsew here  in th e  li tera ture  [Wu e t  al. 2007].

4.2.1.3 Boundary conditions

Sym m etry  was applied w h ere  approp r ia te  by applying symmetrical boundary  conditions to  any 

nodes th a t  coincided with th e  p lanes of symm etry. Physiological boundary  conditions w ere  

applied to  th e  a r te ry  before  s te n t  expansion. An average blood p ressu re  of 13.33kPa was applied 

to  th e  internal faces of th e  artery, while a p re-s tre tch  of 1.044 [Holzapfel e t  al. 2005] was applied 

to  th e  ends  of th e  arteries.

The s ten ts  w ere  expanded  by applying a linearly increasing p ressu re  to  th e  internal faces of th e  

s ten ts .  This m e a n t  th a t  th e  balloon was no t explicitly modelled. This m ethod  w as found to  

p roduce  a non-uniform a n d /o r  incom ple te  s te n t  expansion, depend ing  on th e  s te n t  design used. 

For example, th e  Palmaz s te n t  o p en e d  a t  a g rea te r  ra te  a t  th e  ends  th a n  at t h e  cen tre ,  and did not 

expand fully, while th e  Cypher s te n t  expanded  a t  a g rea te r  ra te  a t  ce n tre  th a n  a t  th e  ends .  This
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problem was overcome with the use of spring elements (Figure 4.6(a)). A table input was used to  

give these springs a variable stiffness that is a function of displacement, see Figure 4.6(b). This 

means that the springs have a very low stiffness when the stent begins expansion. This stiffness 

increases once the stent reaches its nominal diameter, and restrains the stent from expanding 

beyond the specified diameter. The springs are attached at one end to nodes on the stent, and at 

the other to nodes that run longitudinally along the centre-line of the stent. To allow for 

longitudinal movement of the stent owing to foreshortening, the centre nodes were tied to nodes 

on the stent so that the springs remained perpendicular to the stent at all stages of stent 

expansion. Once the pressure is removed, any inward radial displacement will cause the spring to 

return to its low stiffness and allow recoil of the stent. This method replicates the restraint that 

would otherwise be provided by the balloon (stents will not, generally, expand beyond the 

diameter of the balloon), without the computational cost of modelling the balloon.

Spring

Centre node
Displacement [mm]

Figure 4.6

(a) Springs attached to stent and node at centre of stent

(b) Stiffness-displacement relationship for springs, similar to table input used to describe 

mechanical behaviour.

Nitinol stents were deployed by crimping the stents using a rigid sheath until they were of 

sufficient size to fit inside the artery. The stent was then deployed by withdrawing the sheath 

laterally and allowing the stent to  expand. Full details of this method are detailed in Chapter 5.

It is considered that higher stresses lead to increased injury, and thus to higher rates of 

restenosis. The injury score suggested in the literature [Schwartz et al. 1994] can be related to 

failure of the tissue. Therefore, it was decided that the von Mises stress would be the most 

suitable measure of arterial stress. Each elem ent consisted of eight integration points. By taking 

the average of each of these points, a single value of stress could be obtained for each element.
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These values were accumulated, and the  total volume of artery, or artery layer, within designated 

stress ranges was plotted. This gives an overall picture of the  stress state  of the artery following 

stent expansion. Contour bands and peak stresses were also measured. These are useful for 

identifying areas of high stress and therefore likely areas of restenosis. However, these  peak 

stresses can be highly localised, and so results must be interpreted carefully.

To validate the  mesh used for the artery, mesh density studies were carried out with the  two 

artery types and the  Palmaz stent. The number of elements in the artery was increased from 

36,000 (in a one quarter model) to  72,000 and 288,000 elements. The differences in peak stresses 

were found to  be less than 5% between all models, and th e  amount of arteries within specified 

stress ranges was less than 2%.

4.2.1.4 Parameter study

Previous and subsequent studies presented here use the  average properties taken from 

mechanical tests. These would be expected to  represent results from a population study. 

However, the  data shown thus far has provided a wide spread of values, in geometric, 

biochemical and mechanical properties. In order to  assess the  consequences of this, the  influence 

of the  distribution of the mechanical properties is investigated. Plotting the expected cumulative 

frequency of the artery stresses for a given stretch against the  observed cumulative frequency 

produced a curve with a slope of 1.09 and an value of 0.954. As such, normal distribution was 

assumed, so it can be said tha t  95% of data lies within ±1.96o of the  mean. Therefore, by taking 

representative curves, more of the  data can be represented, rather than just the  mean. To 

investigate this, curves for the longitudinal stress-stretch data of the coronary and femoral 

porcine arteries were investigated. Using the  Mooney-Rivlin constants, curves for the mean plus 

1.96 standard deviations and the mean minus 1.96 standard deviations were plotted for the 

femoral and coronary arteries respectively. These curves represented the  stiffest femoral arteries 

and the  least stiff coronary arteries. This represents the worst case scenario in terms of the 

properties tha t  would be expected to  raise stresses in the  femoral arteries relative to the 

coronary arteries.

The consequences of the  variations in the  data were analysed by expanding a Palmaz-Schatz stent 

using displacement control in two coronary and two femoral arteries with material properties 

described by the  curves described above. The stresses induced in the  arteries following stent 

expansion were analysed.
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4.3 Results

4.3.1 Results analysed

The finite e le m e n t  models w ere  analysed in te rm s  of th e  recoil of th e  s te n t  following removal of 

t h e  inflation pressure, and th e  s tres ses  induced in th e  arteries. Recoil was m e asu red  by taking the  

average  d isp lacem ent of th e  s te n t  nodes  following recoil relative to  th e  fully expanded  

configuration. These values w ere  co m pared  for free  expansion and within porcine and hum an 

ar te ry  models. The nitinol s te n ts  in th e  peripheral ar te ries  w ere  analysed in te rm s  of th e  lumen 

gain and t h e  change in d ia m e te r  associa ted  with th e  change in p ressu re  b e tw e e n  systole and 

diastole.

4.3.2 Coronary arteries

The m ode of s te n t  expansion d e p e n d e d  strongly on th e  s te n t  design. For example, th e  Palmaz 

s te n t  show ed  initial dog-boning (with th e  ends  opening  before  th e  centre).  The Cypher s te n t  also 

show ed  non-uniform expansion characteristics,  but th e  cen tre  o p en e d  before  th e  ends. The 

MultiLink s te n ts  show ed less regular behaviour, with dog-boning behaviour ev ident within 

individual cells ra th e r  than  on th e  s te n t  as a whole. However, although th e  expansion 

characteristics of each s te n t  w ere  different, all s ten ts  show ed  a uniform final sh ap e  a t  the  

specified d iam ete r .  See, for exam ple , Figure 4.7
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Figure 4.7

Fully expan ded  ML Thick s te n t in artery.
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The irregular nature of the stent geometries means that even at their fully expanded 

configuration the stents do not have a single diameter value. Therefore, the average displacement 

of every node in the stent is used to give a single value of the diameter. While a single value is 

presented, it should be noted that there are areas of greater and lesser lumen gain within the 

artery. Values are presented following stent expansion (expansion) and after removal of the 

applied pressure when the stent has recoiled (recoil).

4.3.2.1 Thick versus thin study

All of the coronary stent models had a target diameter of 3.75 mm. Small variations in the final 

diameter were predicted, varying according to the stent model (thick or thin) and the artery type 

(porcine or human), see Table 4.4. Following removal of the pressure, the recoil of the stent was 

predicted to depend on the stent and artery types (human or porcine). The MUhin stent in the 

human artery had the highest recoil, of 7.998%, reduced to 5.151% in the porcine artery. The 

MLjhkk stent had recoils of 5.677% and 4.797% in the human and porcine models.

Expansion Recoil % Change

Thin 3.751 3.451 7.998
Human

Thicl< 3.752 3.539 5.677

Thin 3.747 3.554 5.151
Pig

Thick 3.752 3.572 4.797

Table 4.4

Diameters fo r  ML Thin and Thick stents fo llow ing  expansion and recoil in human and porcine 

coronary artery models.

Stresses in the intima of the human and porcine artery models were analysed. In the human 

artery, this was the stiffest layer, while in the porcine artery all three layers had the same material 

properties, and the division of the intima was purely geometric.

The fully expanded Multilink thick and thin stents (before recoil) induce similar levels of stress in 

each of the artery types (Figure 4.8). In the human coronary artery model, there is no greater than 

2% difference in each stress range between the thick and thin models, see Figure 4.9(a). Likewise, 

the differences in stresses between the thick and thin stents following stent expansion are very 

small (<1% in each stress range) in the porcine artery, see Figure 4.9(b).
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Figure 4.8

Von Mises stresses in human coronary arteries fo llow ing deployment o f  (a) M ultilink thick and (b) 

M ultilink thin stents.

The human artery intima is predicted to be at higher stresses following stent expansion (MLjhick 

and MLjhin) than the porcine artery, see Figure 4.9(a) and (b). Less than 1% of the porcine artery is 

at stresses higher than 750 kPa (with none at stresses higher than IMPa), compared with 23% for 

the human artery, with 2.5-3.9 % at 1 MPa or greater using MLjhin and MLjhick- While 62% of the 

porcine artery is within the lower stress ranges (0-250 kPa), this figure falls to 50% and 52% for 

MLrhin and MLjhick in the human coronary artery.
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Figure 4.9

Stress distributions in (a) human and (b) porcine coronary artery models fo llow ing expansion o f 

M ultilink thick and thin stents.
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Following recoil of th e  s ten t ,  a g re a te r  difference w as in predic ted  s tress  levels was observed 

b e tw e e n  th e  MLjhin and MLjinci, s te n ts  th a n  a t  th e  maximum s te n t  d iam eters  following s te n t  

expansion. The MLjhin s tents ,  which recoiled m ore  th a n  th e  MLrhick (Table 4.4) induced lower 

s t resses  in bo th  ar te ry  types  following recoil.

In th e  hum an intima, th e  am o u n t  of t issue at higher s t resses  (750-1000 kPa and 1000 kPa or 

g rea ter)  is reduced  from 20.6% and 2.6% to  0.9% and 0.3% following recoil with MLjhick/ while th e  

am o u n t  a t  mid s tress  ranges (350-750 kPa) is increased from 15.8% to  37.3%. With th e  MLjhin 

model, th e  corresponding  percen t of t issue a t  750-1000 kPa and  1 MPa or  g rea te r  is 19.6% and 

3.9% af te r  expansion, reducing to  0.36% and 0.12% following recoil. The a m o u n t  of tissue a t  

s t resses  b e tw e en  350 kPa and 750  kPa is increased from 17.1% to  21.8%.

Following recoil, th e  MLjhin model induces lower s tresses  in th e  intima than  th e  MLrhicb with m ore 

of th e  intima in th e  lower and mid s tress  ranges (0-500 kPa), and  less in th e  mid to  high stress 

ranges (500 kPa or g reater).  For example , th e  MLjhin model has 1.5% of th e  tissue in th e  500-750 

kPa range, com pared  with 25.8% using MLrhick- However, a t  th e  higher stress ranges th e re  is less 

of a difference, with MUhin placing 0.36% and 0.12% of th e  intima a t  s tresses  of 750-1000 kPa and 

1 MPa or  g rea te r  respectively. These num bers  are  higher with MLjhick/ 0.91% and 0.30% 

respectively.

In th e  porcine ar te ry  model, like in th e  hum an vessel,  th e  MUhm induces lower s tresses  in th e  

a r te ry  following recoil (Figure 4.10). Using MLjhick places 19.2% and  3.0% of th e  intima be tw e en  

250-350 and 350-500 kPa, reduced  to  15.3% and  1.5% w hen  using MLjhin- Only small am o u n ts  of 

tissue, less th a n  one  percen t,  are  a t  s tresses  of 500  kPa or  g rea te r  in bo th  models.

4.3.2.Z Stent design study

The predic ted  levels of arterial s tres ses  following stenting  d ep e n d  on th e  s te n t  design, as shown 

in Figure 4.11. The Palmaz Schatz (PS), Cypher and  Muitilink thick (ML) designs all had m ore  tissue 

a t  lower stress  (<350 kPa) in th e  porcine arte ry  th a n  in th e  hum an  artery, while th e  hum an  vessels 

have m ore  of th e  intima a t  higher s tresses  (750 kPa or grea ter) .  In bo th  th e  pig and  hum an 

m odels  it is pred ic ted  th a t  th e  PS s te n t  will induce th e  highest s tres ses  in th e  intima, with th e  

Cypher s te n t  producing higher s tresses  th a n  th e  ML.
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Stress distributions in (a) human and (b) porcine coronary intima models following recoil of  

Multilink thick and thin stents.
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iLû iL lLhi..LL
Stress R a n ( t i  [liPal

(a)

Stress R an(*s(kP a]

(b )

F ig u re  4 .1 1

Von Mises stresses in the intimas of (a) human and (b) porcine coronary arteries following 

expansion o f Palmaz-Schatz (PS), Cypher, and Mulitlink thick (ML) stents.

4.3.3 Peripheral arteries

The arterial s tresses  of all th re e  layers w ere  analysed for th e  expansion of a BES (Palmaz) in 

porcine and hum an  peripheral arteries,  and lum en gain and change in s te n t  d ia m e te r  was s tudied 

for th e  dep loym en t of a SES in th e  sam e ar te ry  models. The SES in its s tress  free, initial 

configuration had th e  geom etry  of th e  expanded  BES.



4.3.3.1 Artery stresses

As with the  coronary arteries, the  human peripheral artery had higher stresses in the  intima than 

the  porcine artery (Figure 4.12 and Figure 4.13). The porcine artery has 56.1% of the intima at 

stresses less than 300 kPa, compared with 35.1% in the human artery. The human intima also has 

more of the  intima at higher stresses, with 47.9% at stresses of 500 kPa or greater compared with 

7.9% for the  porcine artery.

Although the intimal stresses are higher in the  human artery, the  stresses are higher in the  media 

and adventitia of the porcine artery, as shown in Figure 4.12 (b) & (c) and Figure 4.13 (b) & (c). In 

the  human artery, 99.8% of the  tissue is at stresses of less than 150 kPa, and 9.6% of the  porcine 

media is at similarly low stresses. All of the  human adventitia is at stresses of 100 kPa or less (and 

99.7% at less than 50kPa), with 8.7% of the porcine adventitia at such low stresses.

4.3.3.Z Lumen gain

The femoral artery stent diameters were measured in the same way as the coronary artery stents. 

However, the  m easurem ents were taken at systole and diastole, and the percentage change in 

d iameter compared for the  two artery types. The porcine peripheral artery model experiences 

higher lumen gain than the human equivalent at diastole (9.602 compared with 9.580) and systole 

(9.734 against 9.728), see Table 4.5. The stresses are also higher in the  human peripheral artery, 

as shown in Figure 4.14.
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Figure 4.12

Contour plots o f von Mises stresses in peripheral pig and human peripheral arteries following stent 

deployment showing individual layers. Shown are (a) the intima, (b) the media and (c) the 

adventitia.
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(a)
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(c)

Figure 4.13

Stress distributions in pig and human (a) intima, (b) media, and (c) adventitia o f peripheral arteries 

following deployment o f Palmaz stent expanded to diameter o f 10 mm.
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Pig Human

Minimum diameter [mm]

(diastole)
9.602 9.580

Maximum diameter [mm]

(systole)
9.734 9.728

% Change diameter 1.378 1.545

Table 4.5

Stent diameters fo llow ing expansion in peripheral artery a t diastole and systole.

Figure 4.14

Stresses fo llow ing nitinol stent deployment in peripheral (a) porcine and (b) human arteries.

4.3.4 Parameter study

The less stiff coronary artery (mean -  1.96o) showed similar stiffness to the average femoral 

artery, but the stiffer femoral artery (mean +1.96o) was stiffer than the average coronary artery, 

as shown in Figure 4.15.

Analysis of the arterial stresses predicts that the variation in the arterial properties significantly 

changes the arterial stresses. Comparing a stiffer femoral artery with the average coronary artery 

shows very similar amounts of the intima within each stress range, with the femoral artery having 

slightly more (33.8% compared with 27.5%) tissue at stresses of 750 kPa or greater (Figure 4.16). 

More of a difference is seen between the average femoral artery and the less stiff coronary 

artery, with 73.9% of the less stiff coronary at stresses of less than 200 kPa, compared with 50% 

for the average femoral artery. When considering the less stiff coronary artery and the stiffer 

femoral artery (the parameters which are most likely to predict higher stresses in peripheral 

arteries), the femoral artery has considerably higher stresses than the coronary artery.
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Figure 4.15

Stress-stretch curves fo r average coronary and femoral porcine arteries and mean coronary -1.96a 
and mean femoral +1.96a.

100
■  CorAv ■  CorStd

■  FemAv ■  FemStd
o»

I
o>
So 50
fO
c
cu
u
< u
Q_

0-200 200-300 300-400 400-500 500-750 750+

Stress ranges [kPa]

Figure 4.16

Stress distributions in the intimas o f mean and mean ±1.96o arteries.
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4.4 Discussion

4.4.1 Stent expansion

The m ethod used to  model the expansion of the stents, w hereby pressure is applied directly to  

th e  stents and springs are used to  replicate the restraint of th e  balloon, provides diverse results, 

depending on th e  stent design used. Stents inflated in vitro  or in vivo expand at the ends first, 

fo llow ed by full and, depending on balloon compliance, uniform  expansion. Here, the path taken  

during expansion is m arkedly d ifferent according to  the type of stent being m odelled. The Palmaz 

stent opens at th e  end first, and is the only stent model which replicates the expected behaviour 

of balloon expanded stents. The Cypher stent opens at th e  centre first, as has been docum ented  

in previous studies [De Beule et al. 2008; Gervaso e t al. 2008]. The tw o  M ultilink designs, MLrhick 

and MLjhin/ exhibit m ore irregular behaviour, w here  a dog-boning effect is seen w ith in  individual 

cells of th e  stent rather than in the stent as a w hole. In all cases, near uniform , cylindrical 

expansion results. A previous study has highlighted the im portance o f fully modelling the balloon- 

stent-a rtery  procedure in order to  accurately predict the arterial stresses following stent 

expansion [Gervaso e t al. 2008]. W hile this spring-constrained model has not been com pared to  a 

full balloon-stent-artery model, it is believed th a t this m ethod provides a good m ethod that 

satisfactorily captures the arterial stresses w ith  reduced com putational tim e. It also has the  

advantage, unlike using displacem ent boundary conditions, of being able to  model stent recoil.

Stress-stretch data for the arteries studied is only available for low er stresses (<150 kPa), whereas  

th e  stresses seen in the model are considerably higher (> lM P a ). Interpolation from  th e  curves is 

assumed, and this may not reflect the actual m ateria l behaviour.

4.4.2 Thick versus thin strut study

The results of this study highlight the mechanical differences betw een using thick and thin strut 

stents in arteries. In each artery type (pig and hum an), th ere  is very little d ifference in the stress 

induced in the artery betw een the tw o  stent types, MLthin and MLxhick following stent expansion. 

This is to  be expected as, aside from  the strut thickness, the stent designs are identical. Therefore, 

at the same specified d iam eter, they would be expected to  induce the same stresses in the artery. 

The difference seen betw een the tw o  could be explained by small variations in th e  expanding  

profile of the stents caused by the d ifferen t thicknesses. A similar study comparing strut 

thicknesses reported low er stresses using MLrhm following stent expansion [Zahedmanesh e t al. 

2009]. This study used stenosed arteries and had d ifferen t arterial geom etry com pared w ith this
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study. These differences may have caused fu rth er differences betw een opening profiles and final 

deployed shape, which would a lter th e  stresses in th e  arteries.

Stresses are predicted to be higher in th e  intim a o f the human coronary artery than the porcine 

coronary artery following deploym ent o f the same stent type. This can be explained by the stiffer 

intim a of th e  human artery experiencing higher stresses at the same strain than the porcine 

artery. How ever, stress distribution patterns and the location o f peaks stresses are very similar in 

the tw o  artery  types.

Using a stent w ith  th inner struts increases the am ount o f recoil following removal o f the  

expansion pressure. This increase in recoil, and associated loss o f lumen gain, reduces the stresses 

in the artery. This decrease in tissue at high stresses could explain w hy the ISAR-STEREO trial 

showed th a t using a thin strut stent produced low er rates o f restenosis [Kastrati e t at. 2001], and 

reaffirm s the findings m ade elsew here [Zahedmanesh e t al. 2009].

The type of artery (porcine or hum an) affects the am ount o f recoil the stent undergoes, and thus 

the stresses in the artery following recoil. The stiffer intim a of th e  human coronary artery causes a 

greater reaction force against the stent following removal of the expansion pressure. As a result 

of this, although both artery  types show low er intimal stresses following recoil w hen using MLrhm/ 

the difference is m ore evident in the hum an artery as a result of g reater recoil. This suggests that 

the porcine arteries are not as sensitive in their mechanical response as hum an arteries, and may 

not d iffe ren tiate  betw een stent types in the same m anner as human arteries. This may explain 

why some pre-clinical trials using animals have failed to  d iffe ren tia te  betw een thick and thin  

struts [Garasic e t al. 2000], w hile hum an trials have shown low er restenosis rates w ith  th in strut 

stents [Kastrati e t al. 2001; Pache et al. 2003].

The low er stresses in the artery seen w hen using MLrhin can be attribu ted  to  th e  low er final 

d iam eter ra ther than a difference in stent design. As th e  tw o  stent designs induce almost identical 

stresses at the same d iam eter, it m ight be reasonable to  assume th a t if the MLjhick w ere  inflated  

to  a low er d iam eter, the clinical outcom es might be expected to  be the same. How ever, it has 

been predicted th a t the MLjhin causes marginally low er stresses at th e  same final d iam eter 

[Zahedmanesh e t al. 2009].

Although the difference betw een the response of th e  thick and thin strut stents is reduced when  

using porcine arteries, a d ifference in response is still predicted. It is not know w heth er this 

difference would translate into significantly d iffe ren t rates o f restenosis in vivo, and so 

conclusions are som ew hat speculative. The models presented here consider only th e  mechanical
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response ,  and n o t  th e  pathological reaction to  arterial injury. F urthe rm ore  dam age and 

p e r m a n e n t  de fo rm ation  of th e  a rte ry  are  not considered . This may be very im portan t.  The recoil 

of th e  s te n t  has  been  shown, in this study, to  dep e n d  on th e  p re se n ce  of an ar te ry  and on th e  

ty p e  of artery. One could hypothesise th a t  dam age  caused to  an ar te ry  by inserting a s te n t  would 

cause  a stress-softening, altering th e  a m o u n t  of recoil of th e  a r te ry  and, by association, th e  s ten t .  

As th e  am o u n t  of recoil is proposed  h ere  to  be  th e  key difference b e tw e e n  th e  s te n t  types, a 

m odel which incorporates  th e se  e lem en ts  of th e  material behaviour would provide m ore  

conclusive ev idence for th e  difference b e tw e en  porcine and hum an  arteries.

4.4.3 Influence of stent design on arterial stresses

As with th e  study  on th e  influence of s t ru t  thickness, this work predicts  lower arterial s tresses  in 

porcine a r te r ies  com pared  with hum an a r te r ies  following inflation of d ifferent s te n t  types. 

However, th e  differences be tw een  th e  s tresses  produced by th e  th r e e  d ifferent s te n t  types 

s tud ied  are  broadly similar in both ar te ry  models.  The PS s te n t  is p red ic ted  to  induce th e  highest 

s tres ses  in th e  hum an  coronary intima, followed by th e  Cypher s ten t ,  with th e  ML producing th e  

lowest stresses .  This o rder  is reflected in th e  porcine model. The porcine ar tery  shows less of a 

d ifference b e tw e e n  s te n t  designs th a n  th e  hum an  arteries. While this may explain why 

d iffe rences in s te n t  design which are  ev ident in random ised  trials [Kastrati e t  al. 2000] are  not 

always ev ident in animal trials [Taylor e t  al. 2001]. However, th e  d ifferences in response  b e tw e en  

th e  hum an  and porcine models p re se n ted  in this study  may not be sufficient to  conclusively s ta te  

t h a t  th e  change in mechanical response  b e tw e e n  th e  tw o  species is th e  reason  for th e  failure of 

animal trials to  differentia te  be tw e en  s te n t  designs in th e  sa m e way th a t  random ised  trials in 

h um ans  do. It should fu rthe r  be no ted  th a t  d ifferent t im e points w e re  used in th e  hum an  and 

animal trials, and th a t  o th e r  factors, such as pathological response ,  m ay accoun t for som e of th e  

differences.

In this study, th e  s te n ts  w ere  analysed before  recoil occurred. This w as  to  isolate th e  effects of 

s te n t  design and  ar te ry  type, ra th e r  th a n  th e  influence of varying recoil b e tw e e n  ar te ry  types. 

Here, it may be considered  th a t  th e  m odels  had th e  sa m e final, ra th e r  th a n  initial, d iam eter .

The material model for th e  hum an coronary  ar te ry  divided th e  vessel into th r e e  layers, each with 

d iffe rent material properties. The porcine model was also divided into th r e e  layers, bu t  th e  

material p roper tie s  w ere  not unique to  each  layer. However, th e  histological s tudy  p re se n ted  in 

C hapter  3 confirms th a t  th e  intima is a thin layer in porcine (coronary and  peripheral)  arteries, 

and  th u s  m ay be considered as a tw o-layered cylinder. The d ifferences b e tw e en  th e  media and 

adventit ia  are  no t  as p ronounced  as th e  d ifferences b e tw e en  th e s e  tw o  layers and th e  intima in
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th e  hum an  artery. Therefore, it may be considered m ore  reasonab le  to  as sum e hom ogenous  

material p roper t ie s  in th e  porcine artery. This assum ption  would be invalid in aged  hum an arte ry  

models, w h e re  th e  intima is th e  m ost  significant layer.

Note th a t  as th e  lengths of th e  s te n ts  relative to  th e  ar tery  w ere  different, so predictions of higher 

s tresses  in o ne  model may not indicate a higher lii<elihood of increased restenosis  rates.  For 

example, th e  PS s te n t  predicts th e  h ighest levels of stress, bu t  is also th e  longest s te n t  studied. In 

addition, s te n o sed  vessels w ere  not considered  for e i ther  hum an  or  porcine models. All s ten ts  

w ere  expanded  to  th e  sam e d ia m e te r  (3.75 mm) irrespective of m anufac tu re r 's  directions. As 

such, th e  results p re se n ted  here  are  no t  suitable for com parison with clinical results, and are  

useful only in th e  con tex t  p re se n ted  here .

4.4.4 Modelling stent expansion in peripheral artery

From a mechanical perspective, using porcine ar te ries  un d e re s t im a te s  th e  intimal s tresses  

induced in th e  peripheral ar teries following s te n t  dep loym ent,  as is seen  in coronary  arteries.  

However, porcine a r te r ies  are  predic ted  to  have higher s tresses  in th e  m edia and adventitia. The 

porcine peripheral ar te r ies  have a m ore  uniform stress distribution th rough  th e  th r e e  layers. This 

can be  se en  in Figure 4.12. This can be  explained by th e  fact th a t  th e  porcine peripheral a r te ry  is 

m odelled as a h o m o g e n eo u s  material. In th e  hum an  artery, th e  intima is a t  much higher s tresses  

th a n  th e  o th e r  tw o  layers. As th e  intima is th e  stiffest layer, it m ay act as a buffer b e tw e en  th e  

s te n t  and th e  o th e r  tw o  layers, reducing th e  s tresses.

It is also pred ic ted  th a t  lumen gain is increased using porcine arteries.  The main reason  for this is 

th e  presence  of intimal thickening in hum an  arteries. The predic ted  lumen gain provided by shape  

m em ory  s te n ts  in peripheral ar te r ies  is very similar in both hum an  and porcine ar teries.  Although 

th e  s te n t  in th e  hum an  artery  is pred ic ted  to  undergo  g rea te r  change in d ia m e te r  with each 

cardiac cycle, animals would not be used  for fatigue testing  owing to  t im e constraints .

For th e  peripheral ar teries,  th e  circumferential properties  of th e  hum an  illiac a r te ry  w ere  

considered . The small size of th e  porcine artery, as discussed in C hapter  3, m e a n t  th a t  only 

longitudinal materia l p roper t ie s  could be considered. The small size of th e  porcine ar te ries  also 

m e a n t  th a t  one  geom etr ic  model could not be used  to  rep rese n t  th e  tw o  species, as was th e  case 

for th e  coronary  artery.
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4.4.5 Parameter study

High deviation seen from the mean is seen with biological samples, and in particular with the 

porcine arteries studied here. While taking average properties is suitable for more general 

considerations, such as studies representative of populations, an understanding of the  influence 

of this material variation is important. This spread of material properties is also seen in human 

arteries [Schulze-Bauer e t al. 2003; Holzapfel e t  al. 2005], and so the  results of the  study 

undertaken are appropriate when considering human arteries.

Care should be taken when interpreting these  results. If, for example, a similar study was carried 

out comparing a coronary artery with a coronary artery, (taking curves for the average ± 1.96o), 

then  similar results could be expected. While this would be expected to  predict a fuller set of 

results for these arteries, it could not be concluded that stresses in coronary arteries are 

significantly different to  stresses in coronary arteries; rather, by taking a fuller spectrum of 

material properties, differences between stiffer and less stiff arteries are highlighted.

In this case, a stiffer femoral artery is predicted to  experience higher stresses than a less stiff 

coronary artery following stent deployment, which indicates greater injury and more restenosis. 

Therefore, in certain situations, the  material properties could be responsible for higher rates of 

restenosis in femoral arteries. However, the  hypothesis tha t differences in material properties are 

responsible for higher rates of restenosis can, generally speaking, still be refuted.
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4.5 Conclusions

This study  shows th a t  while in so m e aspec ts  porcine and hum an  coronary  and peripheral ar teries 

show  very similar mechanical behaviour, th e re  are  still im portan t  differences b e tw e en  th e  two. 

The intimal thickening se en  in hum an , and in particular coronary arteries,  has a significant effect 

on th e  s tres ses  induced in th e  a r te ry  and th e  mechanical response  of bo th  th e  a rte ry  and th e  

s ten t .  While using (young) animal m odels  will not replicate th e  results se en  in hum ans, th e y  

never the less  provide a valuable predictive tool for pre-clinical testing. By b e t te r  understanding  

th e  d ifferences in mechanical, as well as pathological,  responses,  th e  results of pre-clinical animal 

trials can be b e t te r  in te rp re ted .  This study  show s th a t  finite e le m e n t  modelling is an effective tool 

for unders tand ing  such differences, and it is suggested  th a t  by using th e  tw o  toge ther ,  both 

m e th o d s  may provide m o re  useful results  in th e  deve lopm en t  of medical devices.
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5.1 Introduction

Peripheral stenting is, superficially, very similar to  coronary stenting. However, the  success of 

stenting in peripheral arteries does not compare favourably with coronary arteries. There are, 

however, a number of differences between stenting in coronary and peripheral arteries which 

might explain the  discrepancy between restenosis rates. For example, the  geometries of the  two 

are different, with peripheral arteries having a greater diameter and thickness. This necessitates 

the  use of larger stents to  restore vessel patency. The material properties are also different, with 

coronary arteries generally being stiffer than peripheral arteries. Intimal thickening, the 

continuous stiffening and thickening of the  intima, appears to  be more significant in coronary 

arteries. Finally, lack of success seen with balloon expandable stents (BESs) made of stainless steel 

saw a move to  nitinol self-expanding stents (SESs) for peripheral arteries. Although these  more 

flexible nitinol stents improved success rates, they still compared unfavourably with coronary 

stents. Stent fracture is a problem associated with nitinol stents, and a strong correlation has 

dem onstrated  between stent fracture and rates of restenosis [Scheinert et al. 2005],

While the extreme mechanical environment of the  femoral and popliteal arteries has been 

hypothesised as the  cause of higher rates of restenosis in peripheral arteries, the  differences 

outlined above may also contribute to  elevated levels of restenosis. It is hypothesised tha t the 

differences in geometry, material properties and stent types may cause elevated levels of stress in 

peripheral arteries, which could lead to  higher rates of restenosis. It is also hypothesised that 

these  factors may contribute to  a more adverse fatigue environment caused by the  high 

frequency, low magnitude pulsatile nature of blood flow. Stiffer coronary stents are less affected 

by this environment [Duerig e t al. 2000].

The hypotheses of this study were tes ted  by creating finite e lement models of coronary and 

peripheral arteries and modelling the  expansion of BESs and SESs in these arteries. The results 

were analysed in terms of the  stresses induced in the  arteries by the  stent expansion, and the 

pulsatile blood pressure induced fatigue environment on the stents.

5.2 Materials and methods

To investigate the hypotheses presented here, finite e lement models were created of coronary 

and peripheral arteries (see Figure 4.1) undergoing expansion with both BES and SES. The 

peripheral artery modelled here has material properties of an illiac artery and is not subject to
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external loading. To study the effect of s tent type and material properties, a SES with a similar 

geometry to  the BES was analysed, while a second SES model was used to  investigate the 

influence of s tent design. The influence of strut thickness and stent over-sizing on peripheral 

arteries were investigated using the  second SES model (SES2) by studying three  strut thicknesses 

and th ree  initial diameters. This meant tha t one BES design and two SES designs in both coronary 

and peripheral arteries were studied, with a further four designs in the  peripheral artery for a 

total of ten  models. The results were analysed in terms of the  von Mises stress induced in the 

artery following stent implantation and the  lumen gain. Also, the  change in stent diameter during 

a cardiac cycle, and the  associated stent fatigue stress cycle, were predicted. All finite element 

analysis was undertaken using M arc/Mentat 2007 software (MSC Software Corporation, Santa 

Ana, California).

5.2.1 Geometry
5.2.1.1 Artery geometry

Two artery geometries were created, a peripheral artery and a coronary artery. The coronary 

artery had a thickness of 0.5mm, a d iameter of 3mm and a length of 20mm, while the  

corresponding measurements for the  peripheral artery were 1mm, 3mm and 20mm. Both artery 

types were divided into intimal, medial and adventitial layers according to  the  ratios described by 

previous tests  [Schulze-Bauer e t  al. 2003; Holzapfel e t  al. 2005]. The artery geometries were the 

same as those described in Chapter 4, where full details are provided.

5.2.1.2 Stent geometry

Stent geometries of BESs and SESs were created. Slotted tube, closed cell, diamond designs based 

on the  Palmaz stent were used for the BESs, see Figure 5.1(a). These models were designed to  be 

expanded to  1.25 times the inner diameter of the  appropriate artery (Table 5.1). The coronary 

sten t models had strut thicknesses of 100 |im, and the  peripheral s tent models had strut 

thicknesses of 150 |am.

Two self-expanding stent (SES) designs were created. The first design (SESl) used the expanded 

geometry of th e  BES as the initial, zero-stress configuration for the SES, as shown in Figure 5.1(b). 

This method has been used as a means of eliminating geometry as a variable when comparing the 

stresses induced in arteries by stent placement [Migliavacca e t  al. 2004]. Design 2 (SES2) was an 

open cell, 'z' design, a generic version of commercially available nitinol stents, see Figure 5.1(c).
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Figure 5.1

Geometries o f (a) stainless steel balloon expanded stent, (b), the expanded geometry o f (a), used 

as the initial configuration forSESl, and (c) the initial configuration ofSES2.

Coronary Femoral

BES SESl BES SESl

Length [mm] 10 10 20 20

Thickness [mm] 100 100 200 200

Diameter [mm] 1.125 3.75 3 10

Target diameter [mm] 3.75 3.75 10 10

Table 5.1

Geometric properties o f the BESs and SESs fo r  the coronary and peripheral arteries.

Further variations on the design o f SES2 were created to investigate the influence of strut 

thickness and oversizing. The strut thickness was modelled at 100 |im and 250 |im, as well 

as the original 150 |im design. The initial diameter was also modified to 11 mm and 12 

mm.

Original Strut thickness Diameter

SES2 SES2(a) SES2(b) SES2(c) SES2(d)

Thickness [mm] 150 100 250 150 150

Diameter [mm] 10 10 10 11 12

Table 5.2

Variations on the SES2 design with variations on strut thickness and diameter.
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5.2.2 Material models

As described in Chapter 4, separate material models were applied to the coronary and peripheral 

arteries. Each was modelled as a 3-layered idealised hollow cylinder. Each layer was an isotropic 

hyperelastic material described by a 3'̂ '̂  order Mooney-Rivlin equation;

Vy =  a io (/i -  3) +  aoi(/2 -  3) +  a2oOi ~  3)^ +  -  3)(/2 -  3)

+ <̂ 3o(̂ l “ 3)^

The material models for the peripheral and coronary arteries were based on data obtained in two 

different studies. The coronary artery model was based on data from individual layers of aged 

(mean age of 71.5 years) human coronary arteries with non-atherosclerotic intimal thickening 

[Holzapfel et al. 2005], while the peripheral artery was based on data from human iliac arteries 

[Holzapfel 2000]. In each case, the circumferential data was fitted to a third order Mooney-Rivlin 

hyperelastic strain energy function. The rationale behind this is that the circumferential stress was 

found to be the most significant in the simulations. The data from which these models are 

obtained and the constants fitted to them are given in Table 5.3.

Intima

Coronary

Media Adventitia Intima

Peripheral

Media Adventitia

C io 84237.8 3555.26 7146.48 18846.9 7687.49 0

Coi 5057.85 662.391 636.828 193.314 0 5499.99

Cii 7650633 18684.4 9579.2 687636 11585.8 0

C20 5.50488e6 8548.3 8035.15 195006 41820.9 0

C30 9.238e7 297746 1.29315e6 53414.1 42623.7 151227

Table 5.3

Material constants for coronary and peripheral arteries.

The material for the BESs was 316L stainless steel. This was modelled as a bi-linear, elasto-plastic 

model based on stress-strain curves obtained from tests on micro-samples [Wiersma et al. 2006] 

as described in Chapter 4.

The nitinol model implemented in the MSC Marc software is based on an algorithm developed by 

Auricchio et al [Auricchio et al. 2002], which describes the stress induced transformations in a 

three-dimensional model. The constants (Table 5.4) were taken from Favier et al [Favier et al.
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2006], and have been used elsewhere in the literature [Wu et al. 2007]. Note that nitinol material 

properties are sensitive to changes in material properties dependent on the manufacturing 

process [Favier et al. 2006]. Here, average properties which do not take account of this variation 

are used.

Property Value

E 60GPa

V 0.3

Ô AS 346MPa

oVs 365MPa

Ô SA 83MPa

Ô SA 57MPa

a 0.09

E 0.063

Table 5.4

M ateria l constants taken from  Favier et al [Favier et al. 2006] used in nitinol material models. See 

Chapter 2 fo r fu ll definitions o f terms used.

5.2.3 Boundary conditions

Symmetrical boundary conditions were applied to all nodes that coincided with the symmetrical 

planes. The expansion of the BES was modelled by applying a pressure directly to  the internal 

faces of the stent, without directly modelling the balloon. This method was found to produce a 

non-uniform and incomplete stent expansion when applied. Further details of this method are 

reported in Chapter 4.

The SESs were compressed from their fully expanded diameter using a sheath modelled as a rigid 

cylinder with a diameter greater than that of the stent. The sheath is used to compress the stent 

by applying displacement boundary conditions to reduce its diameter so that it can fit into the 

artery without contacting the wall. As the artery and stent are coincident in places at the start of 

the model (Figure 5.2(a)), the artery elements are first deactivated (Figure 5.2 (b)). When the 

stent is compressed (Figure 5.2(c)), the artery elements are reactivated (Figure 5.2(d)). The sheath 

is then withdrawn laterally (Figure 5.2(e)). As the restraint of the sheath is removed, the super

elastic stent begins to return to its original shape (Figure 5.2(f)).

At the moment the sheath leaves contact with the end of the stent as it is withdrawn, the stent 

undergoes a relatively large motion during a single increment of the simulation. The problems this
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causes  with convergence can be overcom e by applying a small p ressure  to  th e  end of th e  s te n t  to  

rep lace  th e  restra in t of th e  shea th  w hen  it is w ithdrawn. This p ressu re  is th e n  rem oved  over a 

n u m b e r  of s teps  to  allow full expansion of th e  s ten t .  Although th e  t im e taken  to  expand th e  s te n t  

is now  increased, th e  shape  of th e  s te n t  during expansion is not affected . As th e  model contains 

no  t im e -d e p e n d e n t  properties,  such as strain-hardening in th e  m etal or viscoelasticity in th e  

ar tery , th e  s tresses  in th e  a r te ry  are  not affected.

While t h e  geom etry  of th e  SES models, like th e  BES models, is sym m etric  ab o u t  th r e e  axes, th e  

m e th o d  of dep loym ent,  w here  th e  s te n t  expands from th e  distal to  th e  proximal end, is no t  

sym m etr ic  in th e  longitudinal direction. To fully model this, a model twice th e  size of th e  BES 

models,  w h e re  sym m etry  ab o u t  t h e  longitudinal plane was no t considered ,  was required. This led 

to  very high com putational cost.  In o rder  to  reduce  this cost,  this larger half model was com pared  

with a q u a r te r  model to  investigate th e  effect, if any, th e  lack of sym m etry  caused any changes in 

t h e  s t res s  s ta te  of th e  ar tery  following s te n t  dep loym ent.  It was found th a t  although th e  opening 

profile of th e  s te n t  was slightly al tered ,  only very small changes in s tress  w ere  observed w hen  

using a half model. Therefore, th e  one q u a r te r  symmetrical model was used for su b se q u en t  

simulations described below.
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(d) (e) (f)

Figure 5.2

Nitinol stent deployment

(a) Stent and artery are coincident

(b) Artery elements are deactivated

(c) Diameter of sheath is reduced to crimp stent

(d) Artery elements are reactivated

(e) Sheath is withdrawn laterally, stent expands

(f) Sten t is fully deployed

Two types of physiological loading were applied to the arteries (Table 5.5). The axial pre strain, 

assumed to be constant during the cardiac [Schulze-Bauer et al. 2003], was applied to the artery 

prior to expansion of the stent. For BES models, the strain was applied at the start of the 

simulation, whilst for the SES models the strain was added once the artery elements had been 

reactivated after the crimping of the stent. Blood pressure was applied to the inner faces of the 

arteries and stents. The minimum blood pressure seen during the cardiac cycle was applied at the 

same time as the axial stretch. This was increased to the maximum level once the stent had been 

expanded.
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Coronary Femoral

Axial stretch 1.044'^’ 1.07'^’

Minimum blood pressure'^’ [kPa] 10.666 8

Maximum blood pressure*^’ [kPa] 16 13.332

Table 5.5

Loads applied to artery

[Holzapfel e t al. 2005] 

[Schulze-Bauer et al. 2003] 

[Mills etal. 1970}

To investigate th e  influence of (1) th e  s te n t  type, (2) th e  s te n t  design and (3) th e  a r te ry  

properties ,  each model was assessed  in te rm s  of th e  s tresses  induced in th e  a rte ry  and th e  lumen 

gain. To analyse th e  s tresses, each e le m e n t  in each  layer was assigned a single stress  value by 

taking th e  average stress of th e  in tegration points within th e  e lem en t .  The volume of e lem en ts  

within specified s tress  ranges w ere  th e n  accum ula ted  and graphed. The peak s tresses  in the  

a r te ry  w ere  also analysed. The lumen gain w as expressed  as a ratio of th e  average o u te r  d iam ete r  

of th e  s te n t  following expansion to  th e  initial d ia m e te r  of th e  artery. As a result of th e  change of 

blood pressure, represen ting  th e  cardiac cycle, th e  a r te ry  and s te n t  changed  d iam eter .  The effect 

of this  was m easu red  by quantifying th e  p e rcen tage  change in d ia m e te r  of th e  artery, and by 

m easuring  th e  strain am plitude induced in th e  s te n t  by this cycle.
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5.3 Results

Generally, BBSs are  used in coronary  ar te r ies  and SESs in peripheral arteries. By comparing th e se  

tw o  procedures  directly, th e  effects o f  d ifferences in s te n t  and ar te ry  can be sum m arised .  The 

models predict th a t  m ore  of th e  coronary  ar te ry  was in higher s tress  ranges following BES 

expansion th a n  th e  peripheral a r te ry  following SES p lacem ent (Figure 5.3). The peak s tresses  w ere  

also higher in a coronary  ar te ry  are  significantly higher than  in a peripheral artery, (see Figure 5.4 

and Figure 5.5), with th e  highest s tresses  pred ic ted  in th e  intima of bo th  models. However, by 

modelling both  BES and SES stenting  in both  ar te ry  types, th e  influence of s te n t  ty p e  and arte ry  

geo m etry  and material p roper t ie s  can be isolated. The consequences  of altering th e  s te n t  design 

(strut thickness and  d iam eter)  are  also p resen ted .

5.3.1 Influence of stent type on vessel stresses

in th e  coronary  artery, th e  BES is pred ic ted  to  cause  significantly higher peak s t res ses  than  e i ther  

of th e  SES designs, see  Figure 5.3. Half th e  intima of th e  coronary  a rte ry  experiences s tresses  of 

750 kPa or  g rea te r  due  to  im planta tion  of a BES (Figure 5.3(a)). Neither of th e  SES designs cause 

s t resses  above this level, while m o s t  of th e  intima, 53% and 87% for SES designs 1 and  2 

respectively, a re  a t  s tresses  of 300 kPa or less (Figure 5.3(d)). The BES also causes higher peak 

s tresses  in th e  m edia and  adventit ia  of th e  coronary  artery, w h ere  both  th e  SES designs place 

g rea te r  th a n  90% of th e s e  layers in low (O-lOkPa) stress ranges. N ote th a t  th e  range of s tresses  is 

much higher for th e  intima (0-750 kPa) (Figure 5.3(a) and (d)) th a n  for th e  media (0-25 kPa) 

(Figure 5.3(b) and (e)) or adventitia (0-30 kPa) (Figure 5.3(c) and (f)). The difference b e tw e e n  s te n t  

types is less significant in th e  peripheral artery, though  it is shown th a t  th e  BES still induces higher 

s tresses  than  e i the r  of th e  SES designs. The BES places 3% of th e  intima in th e  h ighest (750 kPa +) 

range, com pared  with none  for th e  SES designs, and  has slightly m ore  tissue in th e  500-750 kPa 

range.

There is a g re a te r  d ifference b e tw e e n  th e  BES and  SES designs th a n  th e re  is b e tw e e n  th e  tw o  SES 

s te n t  designs. Generally, SES2 induces lower s tres ses  th a n  SESl. This is bes t  d em o n s tra te d  in the  

intima of th e  coronary  ar tery , w h e re  31% of th e  layer is a t  a stress of 350 kPa or g rea te r  using 

SESl. This figure is reduced  to  less th a n  1% using SES2. The difference b e tw e e n  th e  tw o  is less in 

th e  media and adventit ia  o f  th e  coronary  arte ry  and in all th r e e  layers of th e  peripheral artery.
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Figure 5.3

Stress distributions fo llow ing BES, SESl and SES2 placement in (a) coronary intima, (b) coronary 

media, (c) coronary adventitia, (d) peripheral intima, (e) peripheral media and (f) peripheral 

adventitia.
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5.3.2 Influence of artery geometry and material properties on vessel 

stresses

Implanting a BES is pred ic ted  to  p roduce  higher s tresses  in th e  intima and adventit ia  of a coronary 

a r te ry  than  a peripheral artery, see  Figure 5.3. Generally, m ore  of th e  peripheral a r te ry  is within 

th e  mid stress  ranges, and m ore  of th e  coronary  ar te ry  is a t  th e  higher, bu t  also th e  lower 

s tresses. 50% of th e  intima is a t a s tress  of 750 kPa or higher in th e  coronary  artery, while th e  

peripheral a r te ry  has 3% in th e  sam e stress ranges. The adventitia is subject to  relatively low 

s tresses  in all cases, though  considerably m ore  of th e  layer is a t  higher s tresses  in th e  coronary 

artery. In th e  m edia, unlike th e  intima and adventitia,  th e  peripheral a r te ry  has m ore  tissue at 

higher stresses .  Both SES designs a re  pred ic ted  to  produce higher s tresses  in th e  peripheral than  

coronary  artery. In th e  intima for example , SESl and SES2 place 53% and 6.84% respectively of th e  

layer a t  s tresses  of 400  kPa or g rea te r  in th e  peripheral artery, com pared  with 1% and 0% in the  

coronary  artery.

Figure 5.4

Von Mises stress in coronary artery following expansion of BES showing (a) the whole artery and 

three separate layers, (b) intima, (c) media and (d) adventitia.
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Figure 5.5

Von Mises stress in fem ora l artery fo llow ing expansion o f SESl showing (a) the whole artery and 

three separate layers, (b) intima, (c) media and (d) adventitia.

5.3.3 Lumen gain

The lumen gain is presented as a percentage of the original diameter. In all models, the target 

diameter is 1.25 times the original diameter. To make a valid comparison in terms of lumen gain, 

the lumen diameter o f the deployed stent at the minimum blood pressure (diastole) is taken. 

Different stages of deployment are defined fo r each stent type. For BESs, Stage 1 is follows the full 

expansion of the stent at minimum blood pressure. Stage 2 is after recoil o f the stent has 

occurred, and Stage 3 is where the blood pressure has been raised to  the maximum value. Two 

stages are defined fo r the SESs; Stage A and Stage B. Stage A is when the stent is deployed at 

diastole, while Stage B is at systole. In the coronary artery, use o f a BES gives greatest lumen gain, 

w ith the inner diameter o f the artery increasing from  3 mm to  3.733 and 3.505 mm follow ing 

stent expansion and recoil respectively (Error! Reference source not found.). This m inimum value 

of 3.505 (at diastole) represents a ratio between post-stenting and pre-stenting diameter of 

1.168, compared w ith a target ratio o f 1.25. Using a SES reduces the lumen gain to  a ratio of 1.096 

and 1.108 fo r SES 1 and 1.108 and 1.076 fo r SES 2. The peripheral artery also experiences greater
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lumen gain with use of a BES than SES. A ratio of 1.248, the highest of any model, is obtained 

using a BES in a peripheral artery. Like the coronary artery, SESl provides greater gain than SES2, 

giving a lumen gain of 1.225 and 1.244 against 1.198 and 1.216. For all three stent designs, the 

peripheral artery experiences greater gain than the coronary counterpart.

Artery Stent Stage Diameter
Lumen

Gain

Coronary

BES

1

2

3

3.733

3.505

3.513

3.288

3.324

3.183

3.229

1.244

1.168

1.171

1.096

1.108

1.061

1.076

SESl

SES2

A

B

A

B

1 9.984 1.248

BES 2 9.882 1.237

3 9.900 1.238

Peripheral A 9.799 1.225
SESl

B 9.948 1.244

A 9.580 1.198
SES2

B 9.728 1.216

Table 5.6

Lumen gain fo r  different artery and stent types. 'Stages' refers to the degree o f stent expansion, 

and is explained as follows. Stage 1 fo r  BES refers to the stent at the maximum diameter during 

deployment, after stent recoil. Stages 2 and 3 describe the stent following recoil at the minimum 

and maximum blood pressure respectively. Stages A and B are used fo r  the SES designs, and refer 

to the fu lly  deployed stent at the minimum (A) and maximum (B) blood pressures.

The change in diameter of the stents between diastole and systole represents the strain 

controlled fatigue environment experienced by the stent over its lifetime in an in vivo 

environment. In the coronary artery, the BES experiences a 0.23% change in diameter during each 

cardiac cycle, while SESl and SES2 change by 1.09% and 1.45% respectively (Table 5.7). In the 

peripheral artery, the BES changes by 0.18% per cycle, with SESl changing by 1.52% and SES2 by 

1.54%.
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Previous work has determined a threshold value for strain amplitude of 0.4% below which failure 

is not predicted to occur in nitinol stents [Pelton et al. 2008]. The maximum predicted strain 

amplitudes due to the cardiac cycle are provided in Table 5.7. None of the stents modelled are 

predicted to exceed the strain amplitude threshold value of 0.4%, and the lowest factor of safety 

seen is 5.8.

Artery type Stent type
% Change in 

Diameter

Maximum

Strain

Amplitude

Factor of 

Safety

BES 0.23

Coronary SESl 1.09 0.069 % 5.80

SES 2 1.45 0.055 % 7.27

BES 0.18

Peripheral SESl 1.52 0.038 % 10.53

SES 2 1.54 0.045 % 8.89

Table 5.7

Change in diameter and associated maximum strain amplitude (for SES models) caused by change 

in blood pressure.

5.3.4 Influence of stent design

The original SES2 design, with a strut thickness of 150 n and an initial diameter of 10 mm was 

modified. These new stent designs had geometric parameters as outlined in Table 5.2. The effect 

of these design alterations was quantified in terms of the stresses induced in the arteries, the 

lumen gain and the strain amplitude.

Analysis showed that increased strut thickness led to increased stresses in the artery (Figure 5.6). 

This is particularly evident in the intima, where the amount of tissue at higher stresses of 400 kPa 

or greater increases from 0 % with a strut thickness of 100 |i to 6.84 % at 150 |im and 49.58 % at 

250 nm (Figure 5.7). A similar trend is seen in the media, where the amount of tissue at 20 kPa or 

greater increases from 45.20 % to 55.91 % and 73.37 %, and the adventitia, where the amount of 

tissue at low stresses (< 7.5 kPa) diminishes with increasing strut thickness.

The nominal diameter of the stents also influences the magnitude of the arterial stresses, with 

higher stresses predicted when a larger stent is used. In the intima, the amount of tissue at low
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stresses (less than 300 kPa) decreases from 44.76 % to 33.13 % and 21.81 % as the stent diameter 

is increased from 10 mm to  11 m and 12 mm. While the 10 mm stent places none of the intima at 

stresses of 500 kPa or more, the  11 mm stent has 49.72 % of the  intima in this stress range, 

increasing to  55.83 % with the 12 mm stent. In the  media, the  amount of tissue increase at 30 kPa 

or higher increases from 8.51 % to  47.79 % and 56.47 % with the larger 11 mm and 12 mm stents, 

as shown in Figure 5.7.

Changing the stent design also alters the  behaviour of the  stent in the fatigue environment. 

Although no direct correlation is predicted between the increase in strut thickness and the 

percentage change in diameter, it can be seen that increased strut thickness leads to higher 

lumen gain (Table 5.8). Increasing the  strut thickness also leads to  reduced maximum strain 

amplitudes, and thus higher factors of safety.

Similarly, increasing the  nominal s ten t diameter increases the  average lumen gain, from 9.654 

mm with a 10 mm stent to  9.736 mm with an 11 mm stent and 10.586 mm with a 12 mm stent. 

However, the increased lumen gain is in this case associated with increased strain amplitude, see 

Table 5.8. The factor of safety of 1.739 for the 12 mm stent would be considered low for a 

medical device.

While this study was not replicated for coronary arteries and stents, similar results could be 

expected for all artery types when varying the  strut thickness and diameter of the  nitinol stents.
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(C) ( f )

500 kPa

Figure 5.6

Contour bands o f von Mises stresses in peripheral arteries follow/ing expansion o f nitinol stents. 

Stents used in (a), (b) and (c) had diameters o f 10 mn) and strut thicknesses o f 100 nm, 150 fim  

and 250 nm respectively. Stents used in (d), (e) and (f) had strut thicknesses o f 150 unn and 

nominal diameters o f 10 mm, 11 mm and 12 mm respectively.
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Figure 5.7

Stress distributions in peripheral arteries showing influence o f strut thickness on (a) intima, (b) 

media and (c) adventitia, and o f stent diameter on (d) intima, (b) media and (c) adventitia.
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Min

Lumen

Max

Lumen

Average

Lumen
% Change

Max strain 

amplitude

Strut
SES2(a) 8.824 9.032 8.928 (1.116) 2.357 0.057

Thickness
SES2 9.580 9.728 9.654 (1.207) 1.545 0.045

SES2(b) 9.683 9.856 9.770(1.221) 1.787 0.035

Stent
SES2 9.580 9.728 9.654 (1.207) 1.545 0.045

Diameter
SES2(c) 9.669 9.802 9.736(1.217) 1.158 0.1

Table 5.8

SES(d) 10.489 10.683 10.586(1.323) 1.850 0.23

Lumen gain, change in diameter and associated strain amplitude with variations in stent design. 

Note that average lumen is also given relative to the original artery diameter. Definitions of stent 

designs (SES2(a-d)) are shown in Table 5.2.
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5.4 Discussion

It is well es tablished th a t  th e  injury caused  to  th e  vessel wall due  to  th e  implanta tion  of a s te n t  is 

a key contribu tor  to  in -s ten t restenosis  [Schwartz e t  al. 1994]. Arterial s tresses  predic ted  using 

com putational te chn iques  such as th e  finite e lem e n t  m e th o d  provide an indirect m easure  of th e  

deg ree  of injury following stenting. However, a full unders tand ing  of th e  relationship be tw e en  

stress, injury and restenosis  has no t  b een  established. Therefore, th e  results p re se n ted  here  are 

useful only in a com parative  sense .  The highest s t resses  in th e  a r te ry  following s te n t  expansion 

are, in all models, pred ic ted  to  be in th e  intima. This can be explained by th e  fact th a t  th e  intima 

experiences th e  highest level of strain, and is th e  stiffest layer in bo th  th e  coronary  and peripheral 

arteries. The high levels of stress se en  in th e  intima com pared  with th e  m edia and adventitia is 

significant, as th e  endo the lium  th a t  lines this layer of tissue is believed to  be im por tan t in 

regulating vascular sm o o th  muscle cell proliferation and migration and neointimal formation 

[Kipshidze e ta l .  2004].

The predictions of arterial s tresses  for th e  tw o  different a r te ry  types dep e n d  strongly on th e  type 

of s te n t  used. Using a BES is pred ic ted  to  induce higher s tresses  in th e  coronary  th a n  the  

peripheral artery. One of th e  reasons  for this is th a t  th e  coronary  ar te ry  is on average  stiffer than  

th e  peripheral. Arterial s t resses  will also be influenced by th e  thickness to  d ia m e te r  ratio, which is 

g rea te r  in th e  coronary  (0.167) th a n  th e  peripheral a r te ry  (0.125). Conversely, w hen  using a SES, 

th e  stresses  a re  higher in th e  peripheral a r te ry  in th e  intima and media th a n  in th e  coronary  

artery. The difference can be explained by com paring th e  lum en gain of th e  tw o  types of artery. 

SESs do not expand to  the ir  full d ia m e te r  due to  th e  constra in t of th e  artery. The coronary  artery, 

which is slightly stiffer and has a g re a te r  thickness com pared  with its d iam eter ,  provides a g rea te r  

resis tance to  s te n t  expansion th a n  th e  peripheral artery. This leads to  less lum en gain in the  

coronary  artery, and  also lower levels of vessel stress. This prediction is obviously limited to  th e  

specific mechanical p roper t ie s  for hum an coronary  and peripheral inpu tted  into th e  finite 

e lem e n t  model, and  m ay change with disease  progression w h e re  th e  proper t ie s  of th e  p laque 

itself will influence lumen gain. Differences in medial s tresses  w ere  also predic ted. While 

increased d am age  in th e  media will p ro m o te  additional neointimal form ation [Fingerle e t  al. 1990; 

Kipshidze e t  al. 2004], it is o ften  considered less significant th a n  intimal injury, and unlikely to  

occur independently .  Also, th e  lower ranges of s tresses  seen  in th e  media com pared  with, for 

example, th e  intima, may indicate a lower likelihood of injury in th e  media.

This study  also suggests  th a t  th e  type  of s te n t  used  (i.e. BES or SES) is a m ore  im portan t fac tor  in 

determ ining th e  peak s tres ses  in th e  a r te ry  than  th e  s te n t  design (i.e. SESl or SES2). It is predic ted
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that using a BES induces higher levels of peak stress than a SES in all three layers of the artery. 

This is most evident in the coronary artery, and to a lesser extent in the peripheral artery. The 

elevated stress ranges in the coronary artery may suggest higher levels of arterial injury compared 

w/ith, for example, the iliac artery due to implantation of a BES. This may partially explain the 

results of animal model studies, where per cent stenosis rates of 53.52% for coronary arteries and 

46.12%  for peripheral arteries were found following implantation of balloon expandable stents 

[Krueger et al. 2006], although the predictions of the finite element simulations are based on 

human material properties and geometries.

There are two methods for increasing the lumen gain obtained by using a SES. The first is to 

increase the strut thickness of the stents, and the second is to increase the diameter of the stent. 

Both methods give greater lumen gain, but also increase the arterial stresses. Similarly, reducing 

the stent thickness reduces the lumen gain. The fatigue environment is affected in different ways 

using each of these methods. Increasing the strut thickness decreases the strain amplitude, 

improving the performance in the pulsatile fatigue environment. However, increasing the nominal 

stent diameter causes large increases in stresses, and also increases the probability of fatigue 

failure. For this reason, SES over-sizing should be avoided as a means of increasing lumen gain. 

Rather, it is suggested that increasing stent strut thickness is the more desirable method of 

increasing lumen gain with shape-memory stents.

In general, however, BES are used in coronary arteries and SES are used in peripheral arteries. 

Based on the predictions of peak intimal stresses, there is no evidence that implanting SES in 

peripheral arteries will induce higher levels of injury than implanting BES in coronary arteries. In 

fact, the lower injury to the intima due to the expansion of a SES compared to a BES may, even in 

the absence of the benefits of greater flexibility to accommodate external loading [Cheng et al. 

2006; Nikanorov et al. 2008], partially explain the better clinical results of SES compared to BES in 

peripheral arteries [Sabeti et al. 2004]. Therefore a number of alternative explanations must be 

considered for the higher rates of restenosis observed clinically following stent implantation in 

the femoral and popliteal arteries compared to the coronary arteries.

This first is that it is the external mechanical environment within certain peripheral arteries, either

flexional [Nikanorov et al. 2008], pulsatile or torsional [Cheng et al. 2006], or a combination of

these, may be responsible for the high levels of vessel injury and hence restenosis observed in

peripheral arteries following stenting. We have previously demonstrated using finite element

modelling that vessel stresses in arteries implanted with stainless steel BES are significantly

greater during physiological levels of joint flexion than during balloon expansion. W hat remains to

be elucidated is whether similar levels of arterial stresses are developed due to implantation of
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m ore flexible nitinol stents. A second possible explanation is th a t peak stresses are a poor 

indicator of th e  likelihood of intim al injury following stenting. It may be th a t a low er stress (or 

strain) threshold value exists, above which endothelial damage occurs. For exam ple, greater  

volumes o f th e  intim a in the peripheral artery are subjected to  stresses greater than 350kPa  

following im plantation o f a SES com pared to  the coronary artery following im plantation of a BES, 

even through peak stresses are significantly g reater in th e  coronary artery. W hile w e are not 

proposing any particular injury threshold value in this study, th ere  is reason to  believe th a t such 

limits exist for soft tissues [Linder-Ganz e t al. 2006; Gefen e t al. 2008], and accurately determ ining  

such param eters for arteries would greatly enhance th e  predictive abilities of com putational 

m ethods in stent design.

A th ird possible explanation is th a t th e  pulsatile environm ent generated by the cardiac cycle is 

m ore likely to  lead to  stent fatigue in th e  peripheral arteries than the coronary arteries, and hence 

higher levels o f restenosis [Scheinert e t al. 2005]. BES dem onstrate sm aller changes in d iam eter 

during the cardiac cycle than the SES. This is reported in the literature , w here BES are said to  be 

inert, stiff tubes which deform  little betw een diastole and systole, whereas SES are m ore dynamic, 

and m ove w ith th e  artery [Duerig e t al. 2000]. The changes in d iam eter in arteries w ith BES of 

0.23%  and 0.18%  seem to  agree well w ith  experim ental values o f <0.25%  [Duerig e t al. 2000]. The 

model's predictions o f m axim um  strain am plitudes in both th e  coronary and peripheral arteries 

suggest th a t stent fatigue does not occur due to  th e  cardiac pulsatile cycle, w ith  agrees w ith  in 

vitro experim ents th a t dem onstrate th a t the strain am plitudes caused by this pulsatile 

environm ent are too  low  to  cause fatigue failure in th e  stent [Pelton et al. 2004; Pelton e t al. 

2008]

How ever, these results should be in terpreted  w ith caution, as failure is predicted under 

conditions which exceed those seen physiologically. Furtherm ore, a high factor of safety is 

required for medical devices, and factors such as irregular, realistic artery geom etries, high levels 

o f stenosis, hard or calcified plaque, eccentric stenoses or incorrect sizing of a stent could low er 

this value sufficiently to  cause concern. For exam ple, stents in carotid arteries are 7.7 tim es more  

likely to  fracture if calcification is present [Ling e t al. 2008]. This study also shows th a t stent 

oversizing m ay contribute both to  reduced perform ance in fatigue, and to  higher stresses leading 

to  g reater restenosis rates. This is supported by a stent oversizing study which shows a correlation  

betw een the stent to  artery ratio and th e  percent stenosis and injury score [Zhao e t al. 2009]. It is 

reported th a t severe oversizing (stent to  artery ratio of 1.4 or greater) produces exuberant 

neointim al proliferation.

146



Regardless, it would ap p e a r  th a t  th e  pulsatile env ironm en t  c rea ted  by th e  cardiac cycle is not,  in 

normal cases, th e  primary cause of s te n t  fatigue failure. While it canno t be ignored as a potential 

cause  of f rac tu re  as th e  frequency of this loading is very high, it n eed s  to  be considered  as acting 

synergistically with th e  loading acting on s te n te d  ar teries due  to  muscle contractions and joint 

m ovem ent .

There are a n u m b e r  of limitations with th e  model p re se n ted  in this study. The use  of an isotropic 

model is a simplification in th e  analyses p re se n ted  here. There is considerable anisotropy evident 

in som e of th e  data  th a t  th e se  models are based  on [Holzapfel 2000; Holzapfel e t  al. 2005]. 

Although th e  use of a cylindrical arterial g eo m etry  is a simplification, and differences in vessel 

morphology exist along th e  vascular t ree ,  it gives m ore generally applicable results w hen  

com paring s te n t  designs th a n  using p a t ien t  specific geom etry .  As previously e luded  to , this study 

has only considered  a single se t  of averaged material p roper t ie s  and  geom etr ie s  for th e  coronary 

and peripheral arteries, w h erea s  in reality th e re  will be considerable pa t ien t  and disease  specific 

variation in th e s e  properties. Future s tudies  will a t te m p t  to  incorporate  such variability into th e  

models in o rd e r  to  confirm som e of th e  general conclusions drawn from th e  results  of this study 

on th e  differences b e tw e en  th e  tw o  arte ry  types. The decision not to  model a s te n o sed  vessel is 

also m ore  practical for com paring s te n t  designs and types. Lumen gain in peripheral ar te ries  can 

be increased by post-dilating with a balloon. This would be expected  to  increase th e  lumen gain, 

but also th e  Injury levels. SES canno t be considered  static like BES, as th e y  continue to  expand 

once deployed. Remodelling can also allow th e  s ten ts  to  m igrate th rough  th e  vessel wall [Duerig 

e t  al. 2000]. These effects are  not incorporated  into this or, to  th e  au tho rs '  knowledge, any 

curren t  com putat ional  model. The ar te r ies  in this study are  m odelled  as hyperelastic, an o th e r  

major limitation as in reality significant stress softening and p e rm a n e n t  defo rm ation  will occur 

following stenting . Accounting for m icro-dam age to  th e  tissue a t  high s tress  levels would also lead 

to  m ore  accura te  model predictions.
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5.5 Conclusions

Using SES rather than BES in a peripheral artery is predicted to  lead to  lower stresses being 

induced in the  artery, but with the  consequence of lower lumen gain. Stent fatigue in the 

peripheral arteries would not appear to  be due to  the pulsatile mechanical environment provided 

by the cardiac cycle. This study also provides no evidence for the hypothesis tha t  differences in 

geometry and material properties between the  coronary and peripheral arteries is responsible for 

the  higher levels of injury in peripheral arteries following stenting. Future studies should 

therefore focus on the  flexion [Nikanorov e t  al. 2008] or torsional [Cheng e t  al. 2006] driven 

environments in the  femoral and popliteal arteries as the more likely cause of higher injury and 

restenosis.
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6.1 Introduction

Stent fracture and in stent restenosis (ISR) continue to hinder the use of stents in peripheral 

arteries [Lampmann, 1999; Kroger et al., 2004; Mewissen, 2005; Scheinert et a!., 2005], For some 

time, there has been a consensus that the mechanical environment, caused by flexion of the knee 

and/or hip joints, was contributing to these problems. The femoral and popliteal arteries, in 

particular, are subject to  large motions and resultant external forces. These motions can, for 

example, occlude the popliteal artery even in healthy subjects [Hoffmann et al., 1997], It was also 

suggested that the presence of 'hinge points’, about which the arteries bend or kink could be 

problematic for stenting [Diaz et al., 2004], while the viability of stenting as a solution to PAD has 

been questioned [Lampmann, 1999], with the biomechanical environment being identified as the 

source of stent incompatibility in the popliteal artery [Kroger et al., 2004].

More recently, attempts have been made to quantify the deformations of peripheral arteries, in 

order to understand better the mechanical environment into which stents are placed. Axial 

extension/contraction, torsion, compression and flexion have been identified as the forces acting 

on the SFA [Jaff, 2004]. Radiographic studies have been used to measure the deformation of 

stented and unstented arteries. These found axial compression and bending deformation of the 

SFA, the femoropopliteal segment and the popliteal artery [Nikanorov et al., 2008], as well as axial 

compression and extension and twisting of the SFA [Cheng et al., 2006]. For example, walking 

(knee/hip flexion of 70°/20°) causes an average compression of up to 14% and average bending of 

33°. Sitting (knee/hip flexion of 90°/90°) increases average compression to a maximum of 23% 

and bending to 54° [Nikanorov et al., 2008]. The amount of compression and bending depends on 

location.

The study by Nikanorov et al [Nikanorov et al., 2008] allowed in vitro experiments to be set up 

that replicated the conditions observed in vivo using angiograms. The numbers of fractures for six 

different stent designs were reported for bending and axial deformation.

The objective of this study is to use the finite element method to investigate how the mechanical 

environment of peripheral arteries will influence the outcome of stenting. Finite element models 

of the deployment of stainless steel and nitinol stents in peripheral arteries were created. To 

these models, bending and compressive boundary conditions were applied. This allowed arterial 

stresses to be measured, as well as the stress amplitude and mean stress (for stainless steel 

stents), and strain amplitude (for nitinol stents) of the stents, which dictate the likelihoods of 

fatigue failure in stainless steel and nitinol stents.
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The hypothesis u nder  investigation is th a t  th e  mechanical en v ironm en t  induced by joint flexion in 

peripheral a r te ries  c rea tes  conditions th a t  could cause  e leva ted  s tresses  in th e  artery, leading to  

amplified vessel injury and hence ISR, while also placing th e  s te n t  in an env ironm ent th a t  could 

increase th e  possibility of s te n t  fracture  due to  fatigue. As th e  consequences  of th e  pulsatile 

mechanical env ironm ent have already been  s tud ied  in C hapter  5, this study  fu r the r  investigates 

th e  se p a ra te  effects of th e  bending and com pression  induced in th e  a r te ry  by jo int flexion. By 

doing this, th e  contribution of th e  pulsatile, bending and com pressive env ironm ents  can be 

investigated bo th  in te rm s  of arterial s tresses  and likelihood of fatigue re la ted  fracture  of the  

stent.
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6.2 Methods

6.2.1 Overview

The methods outlined here were used to  create finite element models tha t replicate the 

mechanical environment of the femoral and popliteal arteries. The model boundary conditions to 

simulate the  mechanical environment of femoral and popliteal arteries are based on data 

obtained from radiographic studies on those arteries [Cheng e t al., 2006; Nikanorov e t a!., 2008].

6.2.2 Geometry

A finite element model was created of a peripheral artery. Although the conditions of the 

segment between and Including the femoral and popliteal artery are being studied, a single artery 

was created. As described in Chapters 4 and 5, the  artery had a length of 40 mm, an inner 

diameter of 8 mm, and a thickness of 1 mm and was modelled as a cylinder consisting of three 

concentric layers.

Two s tent types were considered, a stainless steel balloon expanded stent (BES), and a nitinol self

expanding stent (SES). The BES was based on the  Palmaz stent, as described in Chapters 4 and 5 

and had a length of 20 mm and strut thickness of 150 |am. The SES used for the  simulations was 

the same model (SES2) as described in Chapter 5. The stent was based on commercially available 

nitinol stents and had a strut thickness of 150 |im. It also had a diameter of 10 mm, designed to 

give a lumen gain of 1.25 times the inner diameter of the  artery. Further models were created as 

variations on the  SES2 design, with strut thickness of 100 nm (SES2(a)) and 250 nm (SES2(b)), with 

full details given in Chapter 5.

Symmetry was used to  reduce the models to  one quarter of their original size. A mesh density 

study was carried out on the  nitinol stents by comparing the principal strains after crimping the 

stent from the  initial diameter (10mm) to  5mm. The number of elements used to  mesh the  stent 

was increased until no appreciable difference was seen in the  predicted strain values. Higher 

mesh densities were required at the  crowns of the  stent to  achieve this.

6.2.3 Material properties

As before, the  BES material model was based on 316L stainless steel and had bi-linear elastic- 

plastic behaviour. The SES was described by a Nitinol material model, and the  artery layers had 

third-order Mooney-Rivlin constants fitted to data for aged human illiac arteries [Schuize-Bauer et 

al., 2003].
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6.2.4 Boundary conditions

The BES expansion was modelled as before, with a p ressu re  applied and  rem oved  as a ram p load 

on th e  internal faces of th e  s ten t .  Springs, with an  initial low stiffness th a t  increased a t  a specified 

s te n t  d iam eter ,  w ere  used to  give th e  cons tra in t  of th e  balloon. The SES m odels  w ere  also 

deployed in th e  m a n n e r  p resen ted  in C hapter  5, w hereby  a rigid sh e a th  w as com pressed  to  fit the  

s te n t  into th e  artery, th e n  rem oved  laterally to  allow th e  s te n t  to  expand within th e  artery.

6.2.4.1 Mechanical environment

While th e  s te n t  expansion was m odelled as before, th e  m ore  complex loadings being modelled 

here  necessi ta ted  a slightly different approach  to w ard s  th e  boundary  conditions on th e  artery. 

Symmetrical boundary  conditions w ere  first applied to  all nodes coinciding with planes of 

symmetry. The ar te ry  was th e n  fixed from longitudinal m o v e m en t  a t  bo th  ends, see  Figure 6.1(a). 

Blood pressure  was applied to  th e  internal faces of th e  a rte ry  as a ram p  load (Figure 6.1(b). A 

fixed disp lacem ent w as th e n  applied to  one  end  of th e  s te n t  to  give it an axial pre-s tre tch ,  as 

show n in Figure 6.1(c). The s te n t  w as th e n  deployed  as appropria te ,  depend ing  on w h e th e r  a BES 

or SES was being modelled.

Following dep loym ent of th e  s tent,  a rigid p la te  is used to  apply th e  bending and compressive 

boundary  conditions. This p late is a surface, larger th a n  th e  artery, which is coincident with th e  

face of th e  artery  following application of th e  pre-strain. W hen th e  s te n t  is deployed, a glue 

contac t condition is applied be tw e en  th e  p la te  and th e  artery. The pre-load d isp lacem ent can 

th e n  be rem oved, and com pression or  bending can be applied by moving th e  plate, se e  Figure 6.2. 

This m e thod  of applying a d isp lacem ent to  th e  p late instead of directly to  th e  a r te ry  was used 

because  it e l iminated stress concentra tions th a t  w ere  found to  occur a t  th e  points of application 

of th e  boundary  conditions w hen  applied directly to  nodes  on th e  artery. This m e th o d  does  not 

a l ter  th e  stresses  in th e  a rte ry  as a result of physiological loading.
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(a)

(b)

(c)

Figure 6.1

Application o f physiological loading to artery, (a) starting configuration, (b) application o f blood 

pressure, (c) application o f physiological pre-stretch until the artery face is coincident with the 

rigid plate.

6 .2A .1 .1 B ending

The bending boundary condition was applied by rotating the plate about the axis of symmetry. As 

the maximum bending was recorded in the popliteal artery and was 54° ± 25° [Nikanorov et a!., 

2008], the plate was rotated through 60° and the model analysis undertaken for every 6° of 

rotation. Note that friction-free contact is assumed between all surfaces during stent deployment. 

During bending, a 'glue' contact is used between the artery and the stent to  allow for the growth 

of tissue which occurs following implantation.
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6.2A.1.2 Compression

Compression was applied by moving the  plate through 25% compressive stretch, representing the 

maximum stretch seen in the distal SFA/proximal popliteal artery of 23 ± 2 % [Nikanorov e t a!., 

2008], Note tha t the value of 25% is calculated relative to  the  length of the artery following the 

application of the  physiological axial strain. Two situations were considered; for the first, a friction 

free environment, representing a newly implanted stent. Secondly, a glue contact condition 

between the  stent and the  artery following stent expansion was modelled, representing the 

situation where neo-intimal tissue formation over the stent limits relative motion between the 

implant and the  artery. As tissue growth occurs within days of s tent implantation, the  second 

scenario would be expected to  be most representative of a s tent in vivo for a long-term fatigue 

environment.

(a)

Figure 6.2

Application o f bending boundary condition by rotating plate showing (a) shape following 

physiological loading and (b) after bending.
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(a) (b)

Figure 6.3

Application o f compressive boundary condition by moving plate showing (a) shape following 

physiological loading and (b) after compression.
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6.3 Results

As with the previous studies (see Chapters 4 and 5), elevated vessel injury is hypothesised to lead 

to  higher rates of restenosis [Schwartz et a!., 1994], Because of this, von Mises stresses are 

measured in the artery. It is proposed that increased von Mises stresses, a failure criterion, lead to 

a higher probability of tissue fissuring and increased injury score. The stresses in the artery are 

measured for each element. By taking the average stress at each element, a single value of stress 

can be assigned, and the accumulated volume of tissue within specified ranges predicted.

6.3.1 Bending

Arterial stresses following bending were analysed at 0° (following recoil), 12°, 18°, 36°, and 54°. 

The values of 12° and 18° represent close to average bending values of the distal SFA/ proximal 

popliteal artery at knee/hip flexions of 70°/20° and 90°/90° of 11° ± 12° and 15° + 14°. Similarly, 

the values of 36° and 54° represent the popliteal artery at knee/hip flexions of 70°/20° and 

90°/90° of 33° ± 21° and 54° ± 25°.

6.3.1.1 Balloon expanded stents

6.3.1.1.1 A rtery S tresses

Each increment of bending applied to the artery is predicted to increase the stresses in each layer 

of the vessel wall, see Figure 6.4 and Figure 6.5. Applying 12° of bending decreases the amount of 

the intima at stresses of 500 kPa or lower from 98.3% to 52.8%, and places 46.1% of the intima at 

stresses between 500-750 kPa. As the amount of bending is increased, the amount of tissue in the 

higher stress ranges (assumed, in this case, to be 500 kPa or greater) increases. At 18°, 74.3% of 

the intima is at 500 kPa or more, with 10.8 % at more than 750 kPa. After 36° of bending, the 

amounts of tissue at 750-1000 kPa and 1000 kPa or more are 24.2% and 49.1% respectively. This 

increases to  11.9% and 71.45% when the bending is increased to 54°.

Higher stresses with increased bending are also predicted in the media and adventitia. In the 

media, the amount of tissue at 100 kPa or greater increases from less than 1% for 12° and 18° to 

39.6% and 65.4% for 36° and 54°. Likewise, the amount of the adventitia at 100 kPa or more 

increases from 0% after stent expansion and less than 1% at 12° and 18° to 23.3% and 59.0% after 

36° and 54° of bending.

The peak stresses are located at the end of the stent, where the artery is in tension. As the

bending is increased, high stresses are also seen distaliy/proximally to the stent, though the

location of the peak stresses is the same, see Figure 6.5.
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Figure 6.4

Stress distribution in peripheral (a) intinna, (b) media and (c) adventitia following bending o f a 

stent at 0° (following recoil), 12°, 18°, 36°, and 54°.



0 2.5 MPa

Figure 6.5

Contour p lo ts  o f von M ises stresses in peripheral artery follow ing (a) expansion o f  BES and  

application o f  (b)12°, (c) 18°, (d) 36° and (c) 54° o f  bending.

6.3.1.1.2 Stent fatigue

As stent fracture has been related to  restenosis, the  possibility of stent fatigue fracture was 

investigated. For stainless steel, the  stress amplitude (CTq) and the  mean stress ((7^) were plotted 

on a Goodman curve for each integration point of the  stent elements. Using a fatigue endurance
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limit (Sg) of 420  MPa and  an u ltim ate tensile s treng th  (Suu) of 600 MPa [Wiersma e t  al., 2006], a 

fac tor  of safe ty  could be d e te rm ined  for each integration point and  rep rese n ted  graphically. The 

fac tor  of safe ty  (FOS) w as calculated from

FOS ^ u l t
(6 . 1)

For nitinol SES, th e  strain am plitude w as m easured .  A threshold  value of 0.4% [Pelton e t  al., 2008] 

w as taken ,  with strain am plitude values over 0.4% m ore  likely to  cause  fatigue failure.

Increasing th e  a m o u n t  of bending in th e  a rte ry  following insertion of a BBS lowers th e  minimum 

fac to r  of safe ty  in th e  s te n t  from 1.43 a t  6° to  1.14 a t  60°, see  Figure 6.6. Plotting each integration 

point on a G oodm an  curve shows th a t  as well as th e  factor of safe ty  decreas ing with increasing 

bending, th e  a m o u n t  of points close to  th e  line (FOS = 1) increases substantially  (Figure 6.7).
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Figure 6.6

Factor o f  sa fe ty  as a function o f  th e am ou nt o f  applied  bending in a peripheral artery follow ing  

expansion o f  a sta in less s te e l stent.
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Figure 6.7

Goodman diagram s fo r  a stainless s te e l s te n t in a peripheral artery follow ing (a) 12°, (b) 18°, (c) 

36°, and (d) 54° o f bending.

6.3.1.2 Self-expanding stents 

6.3.1.2.1 Artery stresses

As with th e  BES, bending an ar te ry  following im plan ta tion  of an SES is predic ted  to  increase th e  

s tresses  in all th e  intima, m edia and adventitia of th e  peripheral artery, as shown in Figure 6.8. In 

all th re e  layers, bending of 12° and  18° causes only m inor changes in th e  arterial s tress  s ta tes .  In 

th e  intima, th e  am o u n t  of t issue a t  lower (0-250 kPa) s tresses  is increased from none  before 

bending is applied to  b e tw e e n  12.9 and 18.3%, dep e n d in g  on th e  am o u n t  of bending. A g rea te r  

effect is seen  w hen  th e  bending is increased to  36° and  54°. In th e  intima, 2.6% of th e  tissue is at 

s t resses  be tw een  500-750 kPa, with less th a n  1% a t  s tresses  g rea te r  than  this. After 54° of 

bending, 20.8% of th e  intima is a t  s tresses  b e tw e en  500-750  kPa, with a fu rthe r  6.9 and 4.3% at 

s tresses  of 750-1,000 kPa and IM Pa or g rea ter .  Similar t r en d s  are  seen  in th e  m edia and
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adventitia, w h e re  bending of 12° and  18° m ade  small changes to  th e  s tress  distributions, while 

bending of 36° and 54° placed m ore of th e  tissue at higher s tress  ranges.

Altering th e  s t ru t  thickness causes variation in th e  s tresses  in each arterial layer a t  th e  various 

degrees  of bending, as show n in Figure 6.9, Figure 6.10 and Figure 6.11. The t ren d s  a re  similar for 

each s t ru t  thickness, m ore  significant changes in th e  stress s ta te s  predic ted  af te r  bending of 36° 

and 54°. Using a th in n e r  s tru t  (SES(a)) reduces th e  am o u n t  of intimal t issue a t  higher stresses. 

After 54° of bending, th e  am o u n t  of th e  intima b e tw e en  500-750 kPa is reduced  from 22.3% for 

SES2(b) (250 |im thick stru ts)  to  20.8% for SES2 (150 |im thick struts) and  15.5% for SES2(a) (100 

Hm thick struts). Likewise, th e  am o u n t  of tissue a t  750 kPa or  g rea te r  is reduced  from  13.7% with 

SES2(b) to  11.3% and 8.7% with SES and SES2(a).

In th e  m edia and adventit ia ,  th e  s a m e  tren d s  a re  observed , w h e re  implanting a s te n t  with thicker 

s tru ts  is predic ted  to  increase th e  am o u n t  of t issue a t  higher s tresses.

For all values of bending, each of th e  SES models p roduces  low er arterial s tresses  th a n  th e  BES 

model. For example , th e  am o u n t  of t issue a t  th e  highest stress ranges (1,000 kPa or g re a te r  for 

th e  intima, 100 kPa or g re a te r  for m edia and adventitia)  following 54° of bending is g rea te r  than  

50% in all of th e  BES model,  but does  no t exceed 16.1% in any of th e  SES models.
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Figure 6.8

Stress distributions in peripheral arteries following deployment o f SES with strut thickness o f 150 

lum. The three layers, (a) intima, (b) media, and (c) adventitia are shown.
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(a)

(b)

(c)

Figure 6.9

Stress distributions in peripheral arteries following deployment ofSES with strut thickness o f 100  

Hm. The three layers, (a) intima, (b) media, and (c) adventitia are shown.
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Figure 6.10

Stress distributions in peripheral arteries fo llow ing deployment ofSES with stru t thickness o f 250 

Hm. The three layers, (a) intima, (b) media, and (c) adventitia are shown.
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Figure 6.11

A comparison ofin tim al stresses following bending with three different strut thicl<nesses (100 ,150  

and 250 iim) after (a) 36° and (b) 54° o f bending.

6.3.1.2.2 Stent fatigue

The maximum strain amplitude experienced by the stent during arterial bending was measured 

for every 6° and plotted. The strain amplitude was predicted to rise as bending was increased for 

all stent models. SES2(a), with a strut thickness of 100 nm, exceeded the strain amplitude 

threshold value of 0.4% with bending of between 24° and 30°, reaching a maximum value of 

0.66% after 60° of bending (Figure 6.12). When the strut thickness is increased to 150 |im (SES2), 

the strain amplitude threshold value is not reached until bending of between 54° and 60°. 

Furthermore, the 250 nm strut thickness stent Is predicted to reache a maximum strain amplitude 

of 0.39% at bending of 60°. This is below the strain threshold value of 0.4%, so the model is not 

predicting the stent failure due to bending. Also, the maximum strains predicted during bending 

are less than 3%. As the nitinol material modelled can experience recoverable strains of 6.3% (see 

Chapter 5), the stent will not permanently deform.
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Figure 6.12

Strain am plitude as a function o f  bending in peripheral artery follow ing dep loym en t o f  s ten ts  with  

stru t th icknesses o f  100  iim  (SES2(a)), 150 iim  (SES2) and 250  nm  (SES(b)).

6.3.2 Compression

As with bending, th e  strain am plitude of th e  s te n t  is predic ted  to  increase as a r te ry  com pression 

is increased. Also, th e  strain am plitude exper ienced  by th e  s te n t  d ep e n d s  on th e  s t ru t  thickness, 

see  Figure 6.13. All of th e  s te n t  models predic t a sharp  increase in strain am plitude a t  low 

com pression values, followed by a near  p la teau,  with th e  strain am plitude increasing again at 

higher com pression  values. The compressive value a t  which th e  strain am plitude s ta r ts  to  increase 

again d e p e n d s  on th e  s tru t thickness. At all levels of com pression , SES2(b) has th e  lowest strain 

amplitude. In this model, th e  strain am plitude increases from 0.2% a t  12.5% com pression,  to  

0.37% a t  25%. SES2 has a lower strain am plitude th a n  SES2(b) a t  com pressive values of 15% or 

lower. Compressing th e  a r te ry  by m ore  th a n  17.5% induces a higher strain am plitude in SES2.

The conseq u e n ce  of modelling th e  s ten t-a r te ry  interaction as glued con tac t  w as investigated by 

com paring th e  model with an equivalent frictionless (n=0) model. The effect of friction d epends  

on th e  d eg re e  of com pression, see  Figure 6.14. The frictionless model predicts  a g re a te r  increase 

in strain am plitude a t  low levels of com pression, which levels off as th e  com pression  is increased.
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Figure 6.13

Predicted strain amplitude following compression o f peripheral artery with implanted nitinol stent 

fo r stent strut thicknesses o f 100,150, and 250 nm.
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Figure 6.14

A comparison o f strain amplitudes seen in stents with strut thicknesses o f 150 nm fo r compression 

between 2.5% and 25%.

6.3.3 Influence of factors in peripheral arteries

The dominant mechanical force acting on the stents in relation to the fatigue environment is a 

function of location, see Table 6.1

168



and Table 6.2

. The iliac artery, for which bending and compressive loading has not been documented, has the 

highest factor of safety as the stent is only loaded by the pulsatile blood flow. In the femoral and 

femoro-popliteal segment, compression is the factor most likely to lead to stent fatigue failure, 

both under walking (knee/hip flexion of 70°/20°, see Table 6.1) and sitting (knee/hip flexion of 

90°/90°, see Table 6.2) loading. The popliteal artery has the lowest factors of safety under 

bending.

Bending/

Compression

Values

Pulsatile SA 

(FOS)

Bending SA 

(FOS)

Compression 

SA (FOS)
Lowest FOS

Iliac - 0.045 (8.89) - -
8.89

(Pulsatile)

Femoral 375% 0.045 (8.89) 0.015 (26.67) 0.165 (2.42)
2.42

(Compression)

Femoro-

popliteal
11714% 0.045 (8.89) 0.072 (5.56) 0.173 (2.31)

2.31

(Compression)

Popliteal 3379% 0.045 (8.89) 0.235 (1.70) 0.166(2.38)
1.70

(Bending)

Table 6.1

Summary o f maximum strain amplitudes (and minimum factors o f safety) fo r  pulsatile, bending, 

and compression loading o f peripheral arteries after knee/hip flexion o f 70°/20°.
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Bending/

Compression

Values

Pulsatile SA 

(FOS)

Bending SA 

(FOS)

Compression 

SA (FOS)
Lowest FOS

llliac - 0.045 (8.89) - -
8.89

(Pulsatile)

Femoral 479% 0.045 (8.89) 0.02 (20) 0.168 (2.38)
2.38

(Compression)

Femoro-

popliteal
15723% 0.045 (8.89) 0.115 (3.48) 0.302 (1.32)

1.32

(Compression)

Popliteal 54714% 0.045 (8.89) 0.37 (1.08) 0.173 (2.31)
1.08

(Bending)

Table 6.2

Summary o f maximum strain amplitudes (and minimum factors o f safety) fo r pulsatile, bending, 

and compression loading o f peripheral arteries after knee/hip flexion of90°/90°.
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6.4 Discussion 

6.4.1 Artery bending

The results presented here demonstrate the incompatibility of simple stainless steel stents in 

arteries subject to bending. These stents, far stiffer than the arteries into which they are 

implanted, cause significant increases in stress in all three layers of the artery. The high peak 

stresses observed in the artery model and the volume of high tissue within high stress ranges are 

likely to lead to extensive tissue damage, and subsequent neo-intimal hyperplasia. Furthermore, 

bending the artery causes permanent deformation of the stent. This increases the probability of 

fatigue related fracture, and may affect the haeomodynamics of the vessel.

The magnitude and location of the high stresses in the artery would explain the lack of 

improvement of this type of stenting relative to PTA alone in femoral arteries [Cejna et a!., 2001]. 

Although the bending cycle modelled here is not predicted to cause fatigue failure of the stent 

(factor of safety greater than one for all integration points), this is for an idealised artery and a 

relatively short stent. A calcified or eccentric plaque, a longer lesion (and stent) or an eccentric 

plaque would be amongst the factors that could reduce the factor of safety and lead to stent 

fracture. Furthermore, the Goodman diagrams presented do not account for residual stresses 

which may be inherent in the stent following manufacturing and/or crimping.

Nitinol stents, though closer in compliance to arteries than steel stents, are still stiffer than the 

arteries into which they are inserted. The higher flexibility offered by these shape-memory alloy 

stents reduces the arterial stresses following bending. This suggests that damage to the arterial 

tissue is reduced, and restenosis rates would be expected to be lower in arteries where a SES is 

used compared with a BES. Clinical studies have shown that, unlike steel stents, the use of nitinol 

stents in the femoral artery improves rates of restenosis compared with balloon angioplasty alone 

[Schillinger et al., 2006].

The fracture of nitinol stents continues to hinder their use in peripheral arteries. Therefore, a 

fatigue analysis of the stents is essential for full assessment of their performance. Unlike single

phase metals like steel, however, calculating a factor of safety for nitinol is not straightforward. 

Studies on nitinol stents have shown that although a threshold value for strain amplitude exists 

below which the material will not fail, the effect of the mean strain is less clear [Pelton et al., 

2004; Pelton et al., 2008]. Therefore, the only suitable means of measuring the factor of safety for 

a nitinol stent is the strain amplitude threshold value of 0.4%. It should be noted that this value is 

obtained in experiments designed to model the high frequency, low amplitude strain controlled

environment of the cardiac cycle pulse [Pelton et al., 2008]. However, as 10 million bending cycles
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caused by walking could be expected over a ten  year period, this value can still be used fo r the  

low er frequency, higher am plitude bending fatigue cycle. The FE m ethodology presented in this 

chapter can th ere fo re  be adapted to  predict the likelihood of fatigue failure o f any given stent 

design.

Strut thickness is again shown to be an im portant factor in stent perform ance w hen considering 

th e  bending environm ent of peripheral arteries. Increasing th e  strut thickness causes an increase 

in arterial stresses following stent deploym ent and following arterial bending relative to  th inner 

strut models. How ever, this increase in stress is small in all layers of the artery. Stents w ith thicker 

struts also produce low er strain am plitudes, decreasing the likelihood o f fatigue failure. There is, 

therefore , a tra d e -o ff betw een reducing stresses in the artery and improving perform ance in the  

fatigue environm ent. In th e  case o f bending, it can be argued th a t the increase in arteria l stresses 

associated w ith  stents w ith th icker struts is small relative to  th e  benefit of im proved fatigue  

behaviour. For exam ple, SES2(b) is predicted not to  fail in fatigue w ith  a m axim um  strain 

am plitude below 0.4% , and produces a relatively small increase in arterial stress.

Two of the SES designs analysed predict strain am plitudes of above 0.4%  a fte r sufficient bending. 

However, this threshold value m erely suggests the possibility o f fatigue -  th e re  is no clear 

pass/fail line as th ere  is w ith  steel on a Goodm an diagram. Therefore, it cannot be said w ith  any 

great certainty th a t the stainless steel stent studied would perform  b ette r in fatigue than SES and 

SES(a). Instead, th e  nitinol stents should only be com pared w ith o ther nitinol stent designs.

The maximum bending of 60° applied to  the arteries is in the upper end of th a t predicted in 

patients [Nikanorov e t al., 2008]. The value used for testing fo r binary fracture was 48°, w hile the  

average fo r walking (70 °/2 0 ° knee hip flexion) was 33° in the popliteal artery. The maximum  

flexion of 9 0 °/9 0 ° fo r the knee and hip would be expected to  occur less frequently, for exam ple  

w hen sitting. Therefore, applying bending o f 60° may over-estim ate the bending experienced in 

vivo. However, by measuring values a t every 6°, a m ore com plete picture has been built up. The 

short length of the stents m odelled may influence th e  results. Ideally, a longer segm ent of artery  

would be m odelled, but this greatly increases com putational cost. For exam ple, th e  high stresses 

seen distal to  th e  stent in the artery may be an artefact of the length o f artery analysed and the  

boundary conditions. Nonetheless, this m ethod is similar to  in vitro  bending tests and is still valid 

for the com parative results presented here.
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6.4.2 Artery compression

The fatigue-related behaviour of nitinol stents in a compressive environment is strongly 

dependant on the strut thickness (Figure 6.13). As the artery is compressed, the diameter of the 

stent increases, inducing a fatigue environment similar to that caused by pulsatile blood flow on 

the stent. As the artery and stent are glued for the compression step of the simulation, the 

stented segment of the artery is stiffer than the non-stented segment, and so deforms less. The 

behaviour of the stents can be divided into two stages, initially the stent, with the artery, is 

subject to an increase in diameter. At a high enough deflection, the compressive forces on the 

stent become significant. For example, when using SES (strut thickness of 150 |im), the change in 

diameter is the driving force behind the fatigue environment at compression of 15% or less. After 

this, the stent begins to be compressed more, and this drives the increase in strain amplitude.

At high values of compression, the strain amplitude of the nitinol stents may become significant. 

However, at average values of 9% and 14% for the mid SFA, femoral-popliteal segment and 

popliteal artery respectively [Nikanorov et a i ,  2008], or 13% for the SFA [Cheng et al., 2006], the 

strain amplitudes for all of the stent designs are below the value of 0.4% required for fatigue 

failure. Only in the femoro-popliteal segment, where the average axial compression of the artery 

is 23% is fatigue failure likely. All of the values obtained are, however, considerably higher than 

the strain amplitudes predicted in stents subject to a pulsatile fatigue environment. As 

compression occurs with joint flexion, this is a lower frequency event than the change in diameter 

associated with blood pressure. Nevertheless, as with bending, over a long enough period 

sufficient cycles may be accumulated to cause fatigue.

In an experimental study based on angiographic results, fracture was found in a total of 9 of 58 

stents tested with 5% compression, and 20 of 58 tested with 48° of bending [Nikanorov et al., 

2008]. Although no fracture is predicted under a compressive cycle in this study, differences in 

artery properties, stent length and stent over-sizing could be sufficient to raise the strain 

amplitude predicted in the models presented here. However, the hypothesis of bending as the 

primary instigator of stent fracture is corroborated. Furthermore, stents which did not fracture in 

compression showed 100% fracture rates in bending, while the stent which did not fracture in 

bending had a 50% fracture rate in compression. Only one stent, the Absolute (Abbott Vascular, 

Santa Clara, CA) showed similar behaviour in compression and bending, with a 3% fracture rate in 

both tests [Nikanorov et al., 2008]. This highlights the importance of stent design, and shows that 

compression and bending affect the fatigue properties of the stent in different ways. This is 

consistent with the findings here, which suggest that a given stent design (in this case with thicker

st'uts) which is predicted to perform better in bending, may not perform as well in compression.
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Likewise, while a n o th e r  s te n t  design (with th inne r  struts) will perform  b e t te r  in com pression, it 

may be m ore  likely to  experience fatigue failure in bending.

The behaviour of non -s ten ted  se g m en t  of th e  a r te ry  in com pression  is like th a t  of a buckling 

column. It is, th e re fo re ,  and a r te fac t  of th e  length of th e  u n s te n te d  a rte ry  segm ent ,  which is 

essentially arbitrary. While this is believed to  be a sufficient model for m easuring s te n t  fatigue, 

this limitation m akes th e  model unsuitable  for measuring arterial s tresses  w ithou t verification of 

th e  full behaviour of th e  a r te ry  in com pression.

The prevalence of o n e  mechanical fac tor  (i.e, pulsatile, bending or  com pression) over th e  o the rs  

dep e n d s  on th e  location of th e  artery. The popliteal artery, which experiences th e  g rea te s t  

a m o u n t  of bending, is m ost  likely to  induce s te n t  fatigue failure.

174



6.5 Conclusions

The results presented here show the contribution of artery bending towards increased stress in 

stented arteries, and the  defornnation and fatigue of the stents. The contribution of fatigue in 

compression is also demonstrated. Thus, the  hypothesis of the  study, tha t the  mechanical 

environment produced by joint flexion raises arterial stresses and causes stent fatigue, is 

corroborated. It is predicted tha t compression contributes to  fatigue failure, but due to normal 

activity, bending is the major contributor towards fatigue failure. Bending is also likely to  cause 

stresses of sufficient magnitude and in appropriate areas to  increase rates of ISR. This is likely to 

depend strongly on the extent of bending and the frequency at which this occurs. This would be 

specific towards each patient, and depend upon the  degree of bending imposed by walking and 

sitting down, and the  frequency of these activities.

A simple change in design (strut thickness) has been shown to affect the  performance of the 

stents, both in terms of arterial stresses and stent fatigue. Further optimisation, therefore, could 

be expected to  improve stent performance. The method tested  here would be a suitable tool for 

such design modifications, while physical testing like tha t performed elsewhere would be suitable 

for validation [Nikanorov e t  al., 2008]. In one of the  few lesion sites tha t  drug elution has not 

significantly improved results [Duda e t  al., 2005], improving the  mechanical design and behaviour 

of the  stent is essential towards making stenting a viable trea tm ent for PAD.
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7.1 Overview

The main objective a t  th e  beginning of this thesis  w as  to  investigate th e  reasons  for th e  higher 

ra tes  of restenosis  se en  in peripheral ar te r ies  co m pared  with coronary  ar teries.  To do this, a 

nu m b e r  of s tudies  to  obta in  preliminary data  w ere  nee d ed ,  followed by stud ies  investigating 

factors which could explain th e s e  ou tcom es .  Firstly, a com prehensive  investigation of th e  

mechanical and structural p roper t ie s  of th e  ar te r ies  from functionally d ifferent vascular sites was 

carried ou t for porcine arteries.  The next study  looked at t h e  consequences  of using th e s e  porcine 

ar te ries  both  for pre-clinical te s ts  and  for com puta t ional  modelling. These tw o  stud ies  provided 

th e  basis for a full investigation into th e  d ifferences in s ten ting  p rocedu res  b e tw e e n  th e  tw o  

ar te ry  types. One study focussed on th e  d ifferences in geom etry ,  material p roper t ie s  and s te n t  

types  used in th e  procedures ,  while th e  next one  w as based  on th e  mechanical env ironm ent of 

peripheral arteries.

7.2 Structure function relations of porcine arteries

The porcine arte r ies  te s te d  for this study  behaved , in many ways, th e  sam e as hum an arteries.  

Non-linear, hyperelastic stress-s tra in  responses  with large recoverab le  strains w ere  

d em o n s tra te d .  Anisotropy was also show n b e tw e e n  th e  circumferential and longitudinal 

directions. A difference in response  was also exhibited b e tw e e n  tens ion  and  com pression. 

Collagen fibres can be said to  only bea r  loads in tension. W hen a sam ple  is com pressed ,  much less 

of th e  a rte ry  is in tension , so th e  response  show s less stiffness. The o rder  of stiffness is also th e  

sa m e as hum an  arteries,  with th e  coronary  a r te ry  being th e  stiffest and th e  ao r ta  th e  least stiff.

The main difference p re se n ted  b e tw e e n  porcine and  hum an  arte r ies  here  is th a t  hum an arte r ies  

a re  stiffer (see, for exam ple , Figure 4.5). It should be  no ted  though , th a t  this may ow e as much to  

differences in ages as to  inter-species variability. The porcine arte r ies  te s te d  here  w ere  from pigs 

less th a n  6 m on ths  old, as is o f ten  th e  case for such studies. The hum an  tissue it is being 

com pared  to , and which is m os t  valid for in te rm s  of angioplasty and s te n t  modelling, is usually 

older. Human arte r ies  stiffen with age, and intimal thickening occurs in all ar teries. This is not 

obse rved  in animals, and accounts  for much of th e  observed  difference in behaviour. The 

hypothesis  th a t  th e  function of a r te r ies  is d e te rm in e d  by composition  is affirmed b e tw e en  

d iffe rent a r te ry  types, bu t  no t  within a r te ry  types.

178



The hypothesis tha t the collagen to  elastin ratio is the  prime determ inant of material behaviour is 

refuted. The complex structure of the  materials being studied means tha t  factors such as the fiber 

orientations are important descriptors of material behaviour, and a single variable, such as the 

ratio of the  constituents, is insufficient to predict mechanical behaviour.

7.3 Modelling the stenting procedure
7.1.3 Artery models

While the  presented similarities of human and porcine tissues indicate the  appropriateness of 

using pigs in pre-clinical animal trials, it is also important tha t the differences betw/een the two are 

understood so tha t data obtained from these trials can be better understood. The work presented 

here (see Chapter 4) shows tha t the  two artery types differ in mechanical response when 

comparing different aspects of s tent design. In particular, differences are seen in arterial stresses 

and in the recoil of the stent.

Changes in strut thickness, for otherwise identical s tent designs, have been shown to  influence 

rates of restenosis [Kastrati e t  a!., 2001]. The reason for this can be attributed to  the  amount of 

recoil undergone by the stent. The amount of recoil is dependent on the  material properties of 

the  stent, the  degree of inflation, and aspects of stent design. However, it is also dependent on 

the  external reaction forces acting on the  stent. For free expansion, these  forces are zero. When 

expanded in an artery, the  elastic recoil of the  artery will increase the  amount of recoil. The 

influence of the artery can again be related to  a number of factors, including arterial geometry 

and material properties, and in humans the  degree of stenosis. The results presented in this study 

predict a variation in recoil according to the  material properties of the  artery, which in turn affects 

the  stresses in the respective arteries.

Another study presented shows that differences in mechanical responses according to  stent 

design may be less pronounced in porcine than in human arteries. This is consistent with some 

animal trials which do not differentiate between stent designs [Taylor e t  al., 2001], while stent 

design has been demonstrated as a factor which influences the  outcome of stenting procedures in 

humans [Kastrati et al., 2000]. However, the  difference in response presented here is relatively 

minor, and the  order of the  stents in terms of the  stresses induced in the artery remain the same. 

Other factors, such as the  time frame (pre-clinical trials are often a month or less in duration, 

compared with six months to  two years for many randomised human trials), and the  interspecies
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variation in patliological response [Schwartz et a!., 1994] and the  lacl< of stenotic plaque would 

also account for the  differences between animal and human trials.

This work has highlighted one of the  aspects of the differences between responses in the arteries 

of two species. By complementing this work with such an understanding of other areas of 

variance of s tent behaviour between pre-clinical and clinical settings, it may be possible to  both 

reduce the  number of animal trials and increase the relevancy of data obtained from them. 

Suitable use of finite element models may also provide a more pertinent method of comparing 

stent designs.

One difficulty highlighted is the variation of mechanical properties of arteries. This sort of 

variation can be expected in the geometry as well. Accurately representing this kind of widely 

differing environment can be difficult. It is suggested tha t taking an average stress-stretch curve 

to  represent the  mechanical properties and using a cylindrical artery for the  geometry is the  most 

suitable method of capturing the behaviour of a population. This may not be sufficiently accurate 

in a patient-specific approach, but such a study is not necessitated here. However, the 

consequences of the  change in material properties has been highlighted.

It is desirable to  use human arterial properties for mechanical testing and for finite element 

models. The drawback to using this tissue is the availability of fresh human tissue. Ethical and 

safety reasons mean tha t  human arterial tissue Is difficult to  obtain. Even when the  tissue is 

obtained, it may be several days post-mortem, and may have been trea ted  with antibiotics to 

make it safe to  handle. Understanding the  drawbacks of using more readily available porcine 

arteries for mechanical testing would make the interpretation of results more relevant.

High peak stresses are predicted to  be experienced by the artery in many of the models presented 

here. The stresses in some cases (particularly following bending) exceed those documented in the 

stress-stretch curves on which the  material models are based. As such, the material may alter 

beyond the  stress/strain described by the source curves. Further, the  tissue may fail at sufficiently 

high stress/strain. It may be suggested tha t even if an accurate stress states cannot be 

established, areas of high stress where restenosis could occur can still be identified.

As hypothesised, the  difference in mechanical response between human and porcine arteries, 

both in terms of recoil and in arterial stresses, may be a contributor to the  failure of some animal 

trials to  differentiate between stent designs in the same way as randomised trials in humans.

180



7.2.3 Stent deplojonent

Accurate modelling th e  expansion of a stent has been shown to  be necessary to  precisely capture  

both th e  stresses and final shape o f the stent and the interaction w ith the artery [De Beule e t a!., 

2008; Gervaso e t al., 2008], How ever, fully modelling the balloon-stent interaction, as well as the  

stent-artery and balloon-artery interactions is an intricate problem . The m ethod used, w hereby  

multi-stiffness springs are used to  restrain the stent, provides a m ethod of deploying a stent 

which allows for a uniform  expansion and recoil w ith  reduced com putational costs. W hile this 

model would not predict the realistic expansion profiles attained by fully modelling the balloon- 

stent interaction, it is suitable fo r the purposes of these studies.

The modelling of the nitinol stent deploym ent does not require the use of a balloon, and so in 

th a t sense is simpler to  model. O ther aspects o f this procedure present o ther complications when  

modelling this procedure. The m ethod of deploym ent m odelled, w here the stent is crim ped in a 

sheath and released In the artery by removing this sheath, has not been verified, and is designed 

to  allow  deploym ent of the stent w ithin the artery rather than replicate th e  delivery process. For 

exam ple, the stent is not crim ped as much as would be necessary in vivo to  negotiate th e  stent 

into position, but m erely enough to  fit inside th e  artery. It does capture th e  expansion behaviour 

shown by these stents, w ith  one end expanding fo llowed by full expansion. This is similar to  the  

dog-boning seen using balloon expanded stainless-steel stents.

There are a num ber o f lim itations of the m aterial model which would com prom ise the results. By 

using an isotropic m odel, the stresses will not fully reflect those of an anisotropic m aterial. This 

has been shown to affect the accuracy of calculations for stresses in the artery [Holzapfel e t al., 

2002]. The lack of perm anent deform ation in the artery m aterial model also limits the results, 

particularly when measuring recoil. Pseudoelasticity (separate modelling of loading and unloading 

curves) of the arteries is not incorporated either. Together, these tw o  m aterial properties would  

be expected to soften the unloading curves, which could be im portant w hen measuring recoil, 

which has been dem onstrated to  be an im portant factor in determ ining arterial stresses. It would  

also be expected to  be im portant w hen modelling the fatigue environm ent o f peripheral arteries.

M odelling the behaviour of nitinol stents presents additional problems to  the ones outlined  

above. One of the visco-elastic properties of arteries is creep, w here a constant force leads to  an 

increase in displacem ent over tim e. Once deployed, nitinol stents continue to  exert a chronic 

outw ard force on the artery. The viscoelasticity of the arteries results in continued expansion of 

the stent over a period of 180 days [Zhao e t a!., 2009]. This would a lter the lumen gain, the
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arterial stresses, and the  pulsatile driven fatigue environment in ways tha t cannot be captured in 

this model.

Throughout the studies undertaken, von Mises stress is assumed to  be the stimulus for restenosis. 

This is hypothesised to correlate with levels of injury, which have been correlated with amount of 

neo-intimal formation [Schwartz e t  a!., 1994]. This injury is scored based on stent penetration into 

the artery (see Chapter 2 for further details). Therefore, it seems reasonable to  assume that a 

failure criterion which takes account of the overall stress state of the  artery is appropriate as the  

driver of restenosis. However, compelling cases can also be made for other criteria. On one hand, 

it can be argued that the  tissue fails in tension, and so the  first principal stress may be a better 

measure of injury. On the other hand, a compressive (minimum principal stress) threshold has 

been established for muscle tissue [Linder-Ganz e t  al., 2006]. In work ongoing in the  Trinity Centre 

for Bioengineering, this has been proposed as the  stimulus for a multi-scale model to  predict 

restenosis [Boyle e t  al., 2008]. There are credible arguments to be made tha t the  stimulus is strain 

rather than stress based. The relationship between the  stimulus and injury is also not fully 

understood. It has been shown tha t  increased injury score increases neo-intimal growth, but the 

relationship betw een the stimulus (for example, von Mises stresses) could be linear, exponential 

or a threshold value, amongst others. In this regard, restenosis is a poorly understood process.

7.4 Stenting in peripheral arteries
7.1.4 Differences between coronary and peripheral stenting

The hypothesis tha t  differences in geometry, material properties and stent type between 

peripheral and coronary arteries is responsible for the higher rates of restenosis seen in the 

former can be rejected. The higher stiffness of the  target bed and the  stent in the  coronary 

arteries result in higher stresses than those predicted in peripheral arteries. This leads to  a more 

adverse fatigue environment in the  peripheral arteries, but this is unlikely, on its own, to  cause 

s tent fracture.

7.2.4 The mechanical environment of peripheral arteries

Bending and compression of peripheral arteries are predicted to  be the  main causes of high rates 

of restenosis. The high stresses in the  artery and perm anent deformation of a stainless steel stent 

after artery bending show the  incompatibility with this therapy for PAD. The number of

182



integration points with low factors of safety is also raised, suggesting tha t  in a less idealised model 

the  s tent could experience fracture from fatigue.

Using a nitinol s tent gives significantly lower stresses in the artery following stent deployment and 

following bending. Interestingly, the  stresses are lower in a peripheral artery with a nitinol stent 

following bending than in a coronary artery following expansion of a stainless steel stent. This 

does not necessarily indicate lower rates of restenosis. The pathological responses of the  two 

artery types are different. Also, the  stent and artery segment modelled are small compared with 

some of the  long lesions tha t can be seen in, for example, the  femoral artery. Such lesions are 

trea ted  with either long or multiple stents. The latter case introduces a new factor tha t  could 

influence artery stresses and the fatigue life of th e  stents; the  stent-stent interaction. The limiting 

factor restricting the modelling of such lesions, and associated longer and/or multiple stents, is 

computational power. Such a model would require multiples of the  number of elements used 

here, possibly more if it were not possible to assume symmetry.

Compression and/or bending of a nitinol s tent are still predicted to raise the  probability of fatigue 

failure, even for the  relatively short stents modelled. Combined with the  high peak stresses seen 

in the  arteries following bending, this confirms the  main hypothesis of the  thesis, i.e. tha t the 

mechanical environment is the primary factor for the  higher rates of restenosis seen in peripheral 

arteries compared with coronary arteries.

7.5 Stent design

Stent design has been shown, in clinical studies, to  affect the  outcome of stenting procedures. 

This is reflected by a number of findings in this study. Stent design is shown to influence both the 

amount of stent recoil, and the arterial stresses in pig and human arteries following stenting.

For nitinol stents, two design factors which could increase lumen gain, strut thickness and 

diameter, were investigated. Increasing the  initial s tent diameter, or oversizing, gave an increase 

in lumen gain, but also large increases in stress and diminished behaviour in fatigue. This has been 

shown to raise levels of intimal hyperplasia [Zhao et al., 2009], and it is recommended that this 

practise be avoided. Increasing strut thickness, which also predicts greater lumen gain, improves 

the performance of the stent in fatigue. This is true of the pulsatile fatigue environment, but also 

the bending environment.
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Finite element modelling of peripheral arteries may, in some cases, be limited by the  number of 

elements needed to  create a full model. Smaller models such as the ones here represent a 

valuable design tool to  optimise s ten t performance. It is suggested tha t by combining the models 

presented here to  improve s ten t design with the  types of tests outlined previously [Nikanorov e t  

a!., 2008], a s tent design which would not cause excessive arterial stresses when subject the  

loading associated with peripheral arteries and which would not fail by fatigue could be found.

7.6 Future work

The work presented here is a first analysis of the performance of stents in peripheral arteries. 

There is scope for improvement within the models presented here, and for supplementary 

studies.

The material models presented here could be improved to  more accurately model the arterial 

response. By including anisotropy, viscoelasticity and plasticity, the behaviour of the arteries 

could be more accurately predicted. To implement such a material model, more data may be 

needed. Layer specific biaxial data, such as tha t  available for the human iliac artery [Schulze-Bauer 

e t  al., 2003] would be necessary. Viscoelastic and plasticity data for the  appropriate arteries, and 

perhaps layers, would also be required.

More accurate assessments of s tent designs could be made if the  fatigue predictions were 

confirmed with mechanical tests, as described previously [Nikanorov e t  al., 2008]. Only basic 

design features (stent d iam eter and strut thickness) were investigated. A more rigorous 

investigation could be undertaken with these two methods, with the longer term goal of bringing 

ISR rates in peripheral arteries in line with coronary arteries.

Peripheral arteries in this study has referred to  arteries in the  leg, the  iliac, femoral and popliteal 

arteries. These are not the  only arteries in the body which experience loading due to  joint motion. 

The carotid artery in particular experiences large deformations in relation to  head turning and 

swallowing [Robertson e t  al., 2008]. This can lead to  axial and radial deformations, as well as s tent 

crushing. Nitinol stent deployment has been modelled in carotid arteries [Wu e t  al., 2007]. The 

methods used here for simulating the  mechanical environment of peripheral arteries could be 

used in a similar fashion on carotid arteries. The shorter lesion and stent lengths of this artery 

make it suitable for modelling for the  purposes of investigating sten t fatigue. The presence of a 

bifurcation may make the  hemodynamics a critical factor when analysing the  artery for likely
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areas of restenosis. Stent fractures do occur in other sites, but are not believed to be as prevalent. 

A study has been carried out w/here the deformations of a renal artery are used to model the 

loading experienced by a cobalt-chromium stent [Hsiao et al., 2007], Although fatigue failure is 

not predicted, it is found that artery bending and using over-lapping stents lowers the factor of 

safety. This study does not look at the stent-artery interaction.

Ultimately, the use of finite element modelling has been shown to be a useful tool for pre-clinicai 

testing of stents. It can be used to compare stent designs in all artery types, and for modelling the 

deployment and interaction of stents in peripheral arteries.
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Protocol for elastin assay
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Introduction

The following is th e  protocol followed for calculating th e  elastin c o n ten t  in porcine ar teries.  Note 

th a t  th e  a r te ries  contained  insoluble elastin, which m ust be conver ted  to  soluble a-e last in  for 

m e asu rem en t .  This protocol is based  on th a t  provided by th e  elastin assay kit m a nufac tu re rs  

(Biocolor, N ew tow nabbey ,  N orthern  Ireland).

Prepare standards and digest samples

1. P repare  s tan d ard s  of 0, 12.5, 25, 50 and  lOOnl in 1 .5/2ml micro-tubes using a-e last in  

s tandard  stock. Top up to  100^1 using 0.5M oxalic acid.

2. Digest sam ples  in 1.2ml of 0.5M oxalic acid. Micro-tubes with screw to p s  and 0-rings 

should be used to  avoid evaporation .  Place sam ples  in oven a t  100°C for one  hour.

3. After one  hour, rem ove th e  sam ples  f rom th e  oven, centrifuge a t  >10,000g for 10 m inu tes  

and allow to  cool.

4. Extract th e  to p  1ml of th e  sam ple  and place in a num b e re d  micro-tube.

5. Add 1ml of 0.5M oxalic acid to  th e  sam ple  and  replace in th e  oven for a fu r th e r  hour.

6. Repeat Steps 3-5 until th e  sam ple  is fully dissolved. This usually takes  4-5 extracts. Add 

800(il of 0.5M oxalic acid to  th e  sam ple  following th e  final extraction.

7. Take lOOpil from  each of th e  extracts  and th e  initial m icro-tube with th e  digested sam ple  

and add  to  a labelled micro-tube.

8. Add an equal vo lum e of elastin precipitating reagen t  to  each of th e  samples.

9. Mix th e  c o n ten ts  of th e  tu b e s  using a vortex mixer and leave for  10 m inutes  to  allow 

com ple te  precipitation of th e  elastin.

10. Centrifuge tu b e s  a t  >10,000g for 10 minutes.

11. Drain th e  liquid co n ten ts  of th e  m icro-tubes into a beaker. Remove remaining fluid by 

tapping  inverted  tu b e s  lightly on to  a p ap e r  towel.

Formation of elastin-dye complex

1. Add 1ml of dye reag en t  to  all tubes .  Mix using a vortex  mixer.

2. Place tu b e s  on ro ta to r  and leave for 90 m inu tes  to  allow th e  dye-elastin reaction to  occur.

3. Centrifuge th e  tu b e s  at > 10,000g for 10 m inutes.
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Recovery of elastin-dye complex

1. Drain tiie tu b e s  of unbound  dye by em ptying th e  liquid co n ten ts  into a beaker. Remove 

remaining fluid by tapp ing  th e  inverted tu b e  firmly on to  a p ap e r  tow/el. Fluid droplets  

should be  rem oved  from th e  rim of th e  tu b e  using a Q-tip. The elastin-dye complex is 

obse rved  as a sludge, varying in colour from pink to  dark red /b ro w n ,  depend ing  on th e  

quan t i ty  of eiastin.

Release and recovery of eiastin bound dye

1. Add 1ml of dye dissociation reagen t  to  each tube .

2. Mix using a vortex  mixer, allow to  s tand  for 10 minutes, th e n  mix again.

3. Inspect th e  colour of th e  tu b e s  by com paring th e m  with th e  eiastin s tandards .  If th e  

sam ple  ap p e a rs  darker  th a n  th e  highest s tandard ,  dilute th e  sam ple  by taking a fraction of 

it and adding an app rop r ia te  am o u n t  of dye dissociation reagen t.  For example, very dark 

sam ples  are  dilu ted  by taking 250nl of th e  sam ple  and 750|al of dye dissociation reagent.

Eiastin measurement

1. Transfer 200nl of each  sam ple  (in triplicate) to  a clear 96-well plate.

2. Take abso rbance  readings a t  a wavelength  of 513nm . The th r e e  readings for each sam ple  

should no t exceed  ±10% of th e  m ean.

3. Use th e  (average) abso rbance  readings and th e  s tandards  curve to  calculate th e  eiastin 

co n te n t  of each  m e asu red  sample.

4. Calculate th e  to ta l  eiastin co n te n t  per  sample.
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Appendix B

Protocol for determination of total 

collagen content via hydroxyproline 

assay
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Introduction

The following is the  protocol followed for calculating the collagen content in porcine arteries. This 

was carried out Indirectly by measuring the hydroxyproline content and using a fixed ratio to 

determ ine the  quantity of collagen. The protocol outlined below is based on a procedure provided 

by Kafienah and Sims [Kafienah et al. 2004].

Digestion

1. Prepare lOmg/ml pepsin by dissolving in 0.5M acetic acid.

2. Place samples in screw-top micro-tubes with 0-rings. Add pepsin solution at a ratio 

between the  wet weight of the  collagen to  the pepsin solution of 10:1. Top up to  SOOnl 

with 0.5M acetic acid.

3. Place samples in rotator in oven at 60°C for approximately 12 hours, or until all the  

samples are digested.

4. Take aliquot sizes so tha t  each one contains approximately 500ng Hydroxyproline, or 

ISOng per well (in the middle of the standard curve). If the  required volumes are very 

small (i.e. l|al or less), it may be necessary to  dilute the  samples in acetic acid over two 

steps. Top up to  lOOjil with acetic acid.

Hydrolyzation and neutralisation procedure

1. A d d l0 0 n lo f3 8 % H C L to e a c h tu b e .

2. Mix tube  contents using a vortex mixer.

3. Incubate in an oven at 110°C for 18 hours.

4. Centrifuge the  tubes at >5,000g for 5 minutes.

5. Dry the samples by placing on a heating block

6. Add 200^1 of ultra-pure w ater to  each sample to  dissolve.

7. Use a vortex mixer to  re-suspend the  tube contents.
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Material preparation

Hydroxyproline stock solution

1. Add 40m g of trans-4-Hydroxy-L-proline to  40ml of u ltra -pure  w a te r  to  c re a te  a Im g /m i 

stock solution.

2. S tore a t  4°C and  use within 3 m onths .

Citrate stock buffer

Add th e  following to  a glass jar to  c re a te  100ml of solution:

1. 80ml ultra-pure w a te r

2. 5.04g citric acid m o n o h y d ra te

3. 11.98g sodium a c e ta te  t r ihydrate

4. 7.22g anhydrous sodium a c e ta te

5. 3.4g sodium hydroxide

6. 1.26ml glacial acetic acid

7. Add ultra-pure w a te r  to  bring to ta l volum e to  100ml

8. Filter with w h a tm a n  paper

9. Store a t  4°C

Assay buffer

Add th e  following to  a 15ml falcon tube .  Note th a t  this solution m us t  be  p repa red  freshly before 

assay.

1. 1.5ml n-propanol

2. 1ml ultra-pure w a te r

3. 5ml citrate stock buffer
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Chloramine-T reagent

Add th e  following to  a 15ml falcon tube .  Note th a t  this solution m ust be p repa red  freshly before 

assay.

1. 141mg chloram ine T

2. 0.5ml u ltra -pure  w a te r

3. Place in an oven a t  60°C for 10 m inu tes  to  dissolve

4. 0.5ml n-propanol

5. 4ml ci tra te  stock buffer

6. W rap th e  tu b e  in tinfoil until use

DMBA Reagent

Add th e  following to  a 15ml falcon tube .  Note th a t  this solution m ust be p repa red  freshly before 

assay.

1. 6ml n-propanol

2. 3ml 70% perchloric acid

3. 4.5g 4-(Dim ethylam ino)benzaldehyde

4. W rap th e  tu b e  in tinfoil until use

Hydroxyproline standards

1. Crea te  a 50 |ig /m l Hydroxyproline solution from th e  Im g /m l  stock solution (see above).

a. Take 50(il Hydroxyproline stock solution (Im g/m l)

b. Add 950ial 0.5M acetic acid

2. Mix th e  solution and  briefly spin on a desk top  centrifuge.

3. P repare  s tan d ard s  in 1 .5/2ml m icro-tubes as outlined in Table B.l.

4. Mix s tan d ard s  in vortex  mixer.
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Standard ID
Standard

(^g/ml)

Volume of 

50ng/ml HYP 

(^1)

Volume of 

acetic acid to 

make 1ml

Ng HYP/well

Blank 0 0 1000 0

STD 1 0.1 2 998 6

STD 2 0.25 5 995 15

STD 3 0.5 10 990 30

STD 4 1 20 980 60

STDS 2 40 960 120

STD 6 3.5 70 930 210

STD 7 5 100 900 300

Table B .l

Volumes fo r preparing HYP standards.

Assay procedure

1. Add 60|il (in triplicate) of standards and samples to a clear 96-well plate.

2. To each well add

a. 20iil of assay buffer

b. 40|il of chloramine-T reagent

3. Cover the plate with tinfoil and incubate for 20 minutes at room temperature.

4. Add 80nl of DMBA reagent. Use filter tipped pipette tips, as this solution can stain

pipettes.

5. Cover the 96-well plate with a SealPlate (a clear, adhesive cover).

6. Incubate in an oven for 20 minutes.

7. Allow the plate to cool for 10 minutes.

8. Read the samples in a plate reader at a wavelength of 570nm to obtain Hydroxyproline

concentrations in each sample.

9. Use the standard curve and collagen:Hydroxyproline ratio to calculate the collagen 

contents.
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Histology protocols
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Paraformaldehyde (PFA) fixative

The 4% PFA fixative is p repa red  as follows.

1. Place 180ml of u ltra-pure w a te r  in an autoclave bottle. Heat to  60°C using a hot p la te  with 

stirring. W rap  th e  bo ttle  in tinfoil.

2. While stirring, add  8g of para fo rm aldehyde  p ow der  to  th e  h ea te d  water .  Cover and 

m aintain a t  60°C.

3. Add 2 drops  of 4M NaOH. The solution should clear within a couple of m inutes, though  

th e re  m ay be so m e fine particles th a t  do  no t go away. Do no t h e a t  above 70°C.

4. Remove from h ea t  and add 20ml of lOX PBS. Adjust pH to  7.2 using HCL. Final vo lum e will 

be  200 ml.

5. Cool th e  solution by placing on ice and cover with foil to  p ro tec t  from th e  light.

6. Sterile filter solution and aliquot solution in 15ml falcon tubes ,  with 10ml in each tube .

7. Store aliquots a t  -20°C.

214



Wax embedding

Fixation

Place th e  sam ple  in a 1.5ml micro-tube. Add 1ml of  4% PFA fixative solution and incubate 

overnight. W ash th r e e  tim es  in PBS (for 5 minutes) and s to re  in fresh PBS a t  4°C until ready to  

use.

Dehydration

Artery sam ples  a re  deh y d ra ted  by placing in gradually increasing s treng ths  of alcohol (EtOH), see  

Table C.l. The sam ples  are  placed in 24-well plates. Note th a t  w hen  using xylene, th e  sam ples  

m us t  be  placed in micro-tubes, as xylene will dissolve th e  24-well plates. The sam ples  should be 

placed in wells in th e  24-well p la tes  at room  te m p e ra tu re  with co n ten ts  and for th e  t im e 

described by

Solu tion Tim e

Distilled w ate r 30 minutes

70% EtOH 1 hour

80% EtOH 1 hour

90% EtOH 1 hour

100% EtOH 1 hour

100% EtOH 1 hour

Xylene 1 hour

Table C.l

Dehydration to  xylene p rocedu re  for a r te ry  samples.
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Wax embedding

1. Paraffin wax beads  are  p laced in moulds and put in an oven a t  65°C until th e y  are  fully 

m elted .  The sam ples  a re  placed in th e  moulds and aligned as desired.

2. The moulds a re  covered in tinfoil and  placed on a hot p late a t  65° for 3 hours, then  

allowed to  cool.

3. The following day, h e a t  t h e  moulds to  re-m elt th e  wax. Move th e  spec im ens  gently and 

ensu re  th e y  are  in th e  co rrec t  position and orientation.

4. Place m ounting  plugs into t h e  m olten  wax and allow to  cool again.

Slicing and mounting

1. M ount th e  plugs in a m ic ro tom e.

2. Cut slices a t  5-10|im.

3. Place slices (3-4 to g e th e r )  in w a te r  bath  a t  ~50°C.

4. Push subbed  slide dow n o n to  slice a t  slight angle and  rem ove from th e  w a te r  bath. Slices 

should ad h e re  to  slide.

5. Allow to  dry overnight.
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Verhoeff-van Gieson staining

Working elastic stain solution

Add t h e  fo llow ing  to  a Coplin ja r  a n d  mix well.

1. 20  mi hem a to x y lin  so lu t ion ,  alcoholic.

2. 3 ml fe r r ic  ch lo r ide  so lu tion .

3. 8  ml w e ig e r t ' s  iod ine  so lu tion .

4. 5 ml d e io n i se d  w a t e r .

Working ferric chloride solution

Add t h e  fo llow ing to  a Coplin ja r  a n d  mix well.

1. 3 ml fer r ic  ch lo r ide  so lu t ion .

2. 37  ml d e io n ize d  w a te r .

Deparaffinise slides

Slides m u s t  be  d e p a ra f f in is e d  t o  m a k e  t h e m  su i tab le  fo r  s ta in ing .  Slides a r e  p laced  in racks an d  

d ip p e d  in t h e  so lu t io n s  as  d e sc r ib e d  by (Table C.2). Following s ta in ing ,  t h e  s l ides a r e  d e h y d r a t e d  

aga in  by fo llow ing th e  p r o c e d u r e  d e sc r ib e d  by  (Table C.3).

Solution Time

Xylene

A b so lu te  a lcohol

5 m in u te s

30  s e c o n d s

A b so lu te  a lcoho l 30  s e c o n d s

100%  EtOH 30 s e c o n d s

70%  EtOH 30 s e c o n d s

Xylene 30  s e c o n d s

Table C.2

D eparaff in isa tion  p ro c e d u r e  b e fo r e  s ta in ing.

217



Solution Time

Deionised w a te r 30 seconds

Deionised w a te r 30 seconds

70% EtOH 30 seconds

70% EtOH 30 seconds

Xylene 30 seconds

Table C.3

Dehydration p rocedu re  following staining.

Staining

The working elastic stain solution, working ferric chloride solution and th e  van Gieson solution are  

poured  into recpticles th a t  allow th e  slides to  be covered  in th e  solution. The s teps  for placing th e  

slides in th e  solutions a re  described below. This protocol is taken  from th e  instructions provided 

with th e  Accustain elastic stain kit (Sigma-Aldrich, St. Louis, MO).

1. Deparaffinise slides to  deionised w a te r  (see above).

2. Place slides in working elastic stain solution for 10 minutes.

3. Rinse in deionised w ater .

4. Differentiate in working ferric chloride solution.

5. Rinse in ta p  w ater .

6. Check microscopically. If over  d ifferentia ted ,  re tu rn  to  working elastic stain solution.

7. Rinse in 95% alcohol to  rem ove iodine.

8. Rinse in deionised water .

9. Stain in Van Gieson solution for 1-3 minutes.

10. Rinse in 95% alcohol.

11. Dehydrate  to  xylene and  m o u n t  (see  above).
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Subbing glass slides

Glass slides are  p rep a re d  for use in histology by using th e  following procedures .

Preparing subbing solution

The solution for subbing th e  slides is p repared  as follows:

1. Heat 500ml of deionised  w a te r  to  60°C. Use a th e rm o m e te r  to  ensu re  th e  te m p e ra tu re  

does  not exceed  60°C.

2. Add 2.5g of gelatine and  dissolve.

3. Add 0.25g of chrom ium  potassium su lpha te  and allow to  dissolve.

4. Filter solution using s tandard  filter paper.

5. S tore a t  4°C for a maximum of 6 m onths .

Subbing procedure

The solution is applied to  th e  slides as follows.

1. Load slides into slide staining racks.

2. Dip racks into 95% ethanol.

3. Remove racks and  place into clean and  well rinsed dish pan.

4. Rinse slides in deionised w a te r  for 20 minutes.

5. Remove th e  racks of slides and dip into fresh deionised w a te r  for 20 seconds, th e n  into 

th e  warm  gelatine-chrom -alum  (subbing) solution for 20 seconds.

6. Lift th e  slides ou t  and drain as much as possible.

7. Place slides (in holders) on to  tissue paper.

8. Ensuring slides are  not in contac t with each  o ther ,  cover with t issue p ap e r  and  leave to

dry overnight.
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