
1 
 

 

 

 

 

University of Strathclyde 

Department of Mechanical & Aerospace Engineering 

 

 

 

 

Quantifying AAAs 

and developing FEA models 

for stent grafts  

 

 

Faidon Kyriakou 

 

 

 

A thesis presented in fulfilment of the requirements 

for the degree of Doctor of Philosophy 

 

  

2018  



2 
 

 

 

 

Declaration of author's rights 

 

 

This thesis is the result of the author’s original research. It has been composed 

by the author and has not been previously submitted for examination which has led 

to the award of a degree. 

The copyright of this thesis belongs to the author under the terms of the 

United Kingdom Copyright Acts as qualified by University of Strathclyde Regulation 

3.50. Due acknowledgement must always be made of the use of any material con-

tained in, or derived from, this thesis. 

 

 

Faidon Kyriakou 

December 2018 

 

  



3 
 

 

 

 

 

 

 

 

 

 

 

To the AAA victims. 

 

  



4 
 

Abstract 

 

Abdominal Aortic Aneurysm (AAA) is an irreversible dilation of the lower sec-

tion of the aorta that poses lethal threat to the patient. Medical intervention has 

been conducted for decades via open surgery, yet more recently, the minimally inva-

sive technique of endovascular aneurysm repair (EVAR) is preferred, via the introduc-

tion of a stent graft into the aneurysmal region. In this thesis, finite element analysis 

(FEA) techniques have been developed to model the AnacondaTM stent graft. The aim 

is to produce the necessary numerical tools to allow for personalized EVAR simula-

tions for mechanical and clinical evaluation.  

 The basic unit of an AnacondaTM is modelled with a novel FEA approach ac-

quiring computationally efficient solutions without sacrificing precision. By taking 

into account the manufacturing process, the developed strains and forces can be pre-

dicted, allowing for fatigue life and anchoring evaluation. The mean strain of the unit 

is found to be strongly affected by the oversize of the device, yet its radial force is 

mainly influenced by the friction of the vessel/stent interface. The effects of non-

circular aortic cross sections are also examined and mean aortic diameter approxi-

mations are shown to be superior. For all analyses, a phenomenological model of the 

abdominal aorta is created, able to accurately mimic the pressure-radius response of 

the artery. 

Furthermore, a separate model of lower fidelity and higher computational ef-

ficiency is developed, allowing the simulation of the full AnacondaTM stent graft. The 

model has the ability to predict the deployed position of the device and demonstrates 

that inclusion of fabric folds can allow for more insightful hemodynamic studies that 

capture blood recirculation.  

Finally, an extensive statistical analysis of 258 patient geometries is conducted 

and a set of 10 angles is proposed as a way to quantify the AAA shape. No ante-

rior/posterior or lateral symmetries are identified. The measurements of angular and 

dimensional variables correspond to the most thorough study of the AAA shape avail-

able in the literature and allow the identification of average and worst case topolo-

gies for future EVAR simulations.  
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Selective Nomenclature  

 

AAA Abdominal Aortic Aneurysm 

CAD Computer Aided Design 

CFD Computational Fluid Dynamics 

COF Chronic Outward Force 

CT Computed Tomography 

CTA Computed Tomography Angiography 

𝐸𝑅 Elliptical Ratio 

EVAR Endovascular Aneurysm Repair 

FE Finite Element 

FEA Finite Element Analysis 

𝐹𝑅 Radial force 

FSI Fluid Structure Interaction 

FVS Fast Virtual Stenting 

HGO Holzapfel, Gasser and Ogden model 

ILT Intraluminal Thrombus 

𝐿𝑢𝑛𝑠𝑡ℎ𝑒𝑎𝑡ℎ Assigned displacement to elongate the device  

𝑃𝑚 Time-weighted arterial blood pressure 

P-R Pressure-Radius 

RRF Radial Resistive Force 

TAWSS Time Averaged Wall Shear Stress 

𝑈 Strain energy density function 

𝑊𝑅 the ratio  𝑊𝑖𝑟𝑒 𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟
𝑅𝑖𝑛𝑔 𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟⁄  

_______________________ 

 

𝛥𝜀 

  

Delta strain (between diastolic and systolic pressure) 

𝜀 Strain 

𝜇 Friction coefficient  

𝛭𝜀 Mean strain (of diastolic and systolic pressure) 
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Chapter 1 

Introduction 

 

 

 

 

 An Abdominal Aortic Aneurysm (AAA) is an irreversible dilation of the lower 

section of the aortic vessel. In this pathology, the aortic wall weakens and it becomes 

susceptible to expansion and eventually to rupture, a highly dangerous incident 

which if not treated immediately, leads almost certainly to death. Prevention or 

emergent intervention of rupture has been conducted for decades via open surgery 

but more recently and as technology progresses, an endovascular approach is pre-

ferred.  

The minimally invasive technique of endovascular aneurysm repair (EVAR), 

i.e. the insertion of a medical device in the aneurysmal region, consists of the com-

paction of a stent graft into a catheter, the delivery of it in the pathological region 

and the subsequent deployment it undergoes inside the aorta so as to create a con-

trolled boundary wall for the blood stream. Even in cases of excellent surgical execu-

tion though, the mechanical aspects of the stent graft device itself often affect the 

outcome of the intervention. And despite all recent developments in the medical sec-

tor, no device can be fully optimised if the environment under which it will operate 

is unknown at the time of manufacture. That is to say, since every AAA patient has a 

unique aneurysm, tailor-made stent grafts are the best way to provide treatment.   

In this thesis, finite element analysis (FEA) techniques have been developed 

to simulate stent grafts for the treatment of patient specific AAAs. The goal is to cre-

ate models that can predict key mechanical variables under all vascular geometries. 
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Towards this end, the commercially available software Abaqus (version 6.13-2, Das-

sault Systemes Simulia Corp., RI, USA) has been used for the modelling of the Ana-

condaTM stent graft (Terumo Aortic) and host arterial topologies. These simulations 

can be used to mechanically evaluate existing devices, to virtually assess the use of 

them in patient specific geometries and to develop new designs, optimized or tailor 

made. With such tools, it is hoped that in the future, suitability of the EVAR procedure 

will be increased whilst the complications that sometimes follow will be successfully 

minimized. 

Further to the FEA analyses, a large study on the morphology of the AAA has 

been undertaken in order to define the geometrical configuration stent grafts en-

counter. With the development of a geometry-assessing framework, accurate AAA 

reporting has been enhanced and a variety of virtual cases that correspond to repre-

sentative and worst case geometries can be constructed. This study bares clinical use-

fulness as it improves the current understanding of AAA morphology and provides 

data that can advance FEA EVAR studies. 

The next section offers a brief overview of the chapters that follow.  

 

Chapter 2 introduces the pathology and epidemiology of AAAs. The origin, the bene-

fits and the limitations of EVAR are discussed highlighting the need of using numerical 

methods to improve the outcomes of the technique. In that context, the FEA method 

is explained and various examples from the literature are presented to illustrate the 

current understanding on the mechanics of EVAR. Material modelling challenges and 

limitations of the simulations are also examined. The section concludes by setting the 

goals of the thesis. 

 

Chapter 3 presents an extensive statistical study of AAA geometries. A set of 10 an-

gles is proposed as a way to quantify the AAA shape and measurements are con-

ducted in 258 patients. Along with a set of dimensional variables, these values are 

used to identify average and worst case geometries for the deployment of stent 

grafts. Furthermore, the common assumption of aortic circularity is challenged by 
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examining the cross section of the neck of AAAs, revealing the existence of necks with 

significant ovality. The identification of correlations between a series of variables is 

also conducted. 

The chapter continues with a critical review of the existing material models of the 

aortic wall available in the literature and identifies challenges and problems with cur-

rent FEA implementations. Thereafter, a methodology to create a phenomenological 

material model that can be implemented in a variety of FEA codes is presented. Fi-

nally, validation of the developed arterial model is reported along with a technique 

to recover the unloaded shape of a vascular section when scanned under pressure 

during computed tomography (CT) scanning.  

 

Chapter 4 examines a novel way to model the basic unit of an AnacondaTM using FEA; 

the aim is to develop computationally efficient techniques without sacrificing preci-

sion. Towards the goal of creating a robust stent graft model for tailor-made simula-

tions, a combined beam and surface element approach proves able to predict the 

strains and the radial forces exerted by the device by taking into account manufac-

turing strain effects, an often neglected modelling aspect of utmost importance. Val-

idation with experimental data and comparison with models of higher fidelity estab-

lishes confidence towards the technique.  

With the proposed beam and surface element model in place, the effects of stent 

oversizing and friction coefficient alterations at the vessel/stent interface are exam-

ined. It is noticed that if friction values are below 0.3, the oversize is not a crucial 

factor for the success of EVAR, as far as total radial force is concerned. The same is 

not true, though, in the case of high friction coefficients, where increase of oversize 

leads to increase of the total radial force.  

Finally, in this chapter, the cross section results of Chapter 3 are utilised by deploying 

stent rings into vessels of various ovalities. Results show that the commonly used 

circular approximations of the aortic cross section may introduce significant inaccu-

racies in the estimation of the mechanical state of the stent device.  
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Chapter 5 describes the development of a full AnacondaTM model, which although 

shares similarities with the model of Chapter 4, it employs more simplifications. A 

graft design is developed and tied to the stent rings while a series of features are 

introduced to allow the model to simulate an efficient delivery and device deploy-

ment into any arterial geometry. The techniques and strategies used to overcome the 

computational complexities of this task are thoroughly discussed.  

Experimental testing of the fabric for multiple device sizes is also conducted. In addi-

tion, it is demonstrated how these results can allow the definition of the fabric design 

for both the models of Chapter 4 and 5.  

Furthermore, an idealized mock artery was 3D printed and an endograft was intro-

duced and deployed inside it. The experiment is recreated numerically and the results 

from both deployments are compared showing the satisfactory accuracy of the sim-

ulation. Most importantly, the computational efficiency of the model is displayed to 

outperform the runtimes mentioned in the literature for similar FEA analyses, estab-

lishing its cost effectiveness.  

Finally, the capability of the model to be used for hemodynamic analyses is demon-

strated. The result of the structural investigation are used as input to a computational 

fluid dynamics (CFD) solver and a fluid flow analysis is performed. It is shown that 

contrary to the common approximation of a smooth graft boundary, the inclusion of 

fabric wrinkles can allow the exploration of local flow disturbances, enabling a better 

clinical assessment.  

 

Chapter 6 concludes the thesis by discussing and summarizing the key finding of the 

current body of work. The main outcomes and contributions are highlighted, the lim-

itations are reviewed and future work is proposed.  
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Chapter 2 

Background and Literature Review 
 

 

 

 

Abdominal Aortic Aneurysm (AAA) is a life threatening yet frequently asymp-

tomatic condition of the cardiovascular system. Although its initiating mechanism is 

unclear, significant progress has been made in the treatment of AAAs when they 

reach a critical size, beyond which catastrophic rupture is considered highly likely. In 

this Chapter, the minimally invasive technique of endovascular repair (EVAR) is ex-

plained along with its merits and its complications. Stent grafts, the essential element 

of EVAR, are also discussed. The material characteristics, the geometrical effects and 

the modelling challenges of the devices are presented through the framework of the 

finite element analysis (FEA) technique. The literature review presented herein will 

allow an in-depth understanding of the reasoning behind the Chapters that follow.  

 

2.1 Abdominal aortic aneurysm: pathology, epidemiology and treatments 
 

The aorta is the largest artery of the human body. It begins at the left ventricle 

of the heart and delivers oxygenated blood to the rest of the arteries. It is commonly 

divided into three sections, the ascending aorta, the aortic arch and the descending 

aorta which in turn is divided into the thoracic and the abdominal part with the dia-

phragm separating the two (Fig. 2.1 a). Finally, the (abdominal) aorta terminates in 

the aortic bifurcation where it splits into the left and right common iliac arteries. 
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  Looking closer into the histology of the structure, it can be seen that, like all 

arteries, the aortic wall has three layers (Fig. 2.1 b). The innermost layer, which comes 

into direct contact with the blood lumen, is the tunica intima and consists mainly of 

endothelial cells. The tunica media lies on top of it and is made up of smooth muscle 

cells and sheets of elastin while the outermost layer is tunica adventitia and consists 

primarily of collagen fibres. The overlay of these three layers results in a significantly 

thick wall (typically around 2 mm) with its own network of small blood vessels that 

supply the outer parts of the wall with blood and oxygen to keep it healthy. Never-

theless, a healthy state is not always achieved and sometimes, for reasons that sur-

pass our current understanding, aneurysms occur.  

Despite all the research that has been conducted, the causes of abdominal 

aortic aneurysms (AAAs), i.e. the permanent enlargement of the lower aorta, remain 

poorly understood. There are many factors statistically linked to an increased risk of 

developing AAA including sex (male), age (>65), smoking, hypertension, atheroscle-

rosis, Marfan syndrome and genetic predispositions [1,2]. The precise underlying 

mechanisms of AAA initiation and progression though, are yet to be discovered.  
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Fig. 2.1 The human aorta [206] (a.) and its structure (b.). 
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2.1.1 Pathology 

 

ΑΑΑ is a permanent and irreversible dilation of the abdominal aorta (Fig. 2.2), 

but the definition of the necessary amount of expansion is not unique. Among the 

criteria that have been used to evaluate an aneurysm are:  

 

 infrarenal aortic diameter larger than 3 cm [3] 

 infrarenal aortic diameter larger than 4 cm or large enough to exceed the su-

prarenal aortic diameter by at least 5 mm [3] 

 infrarenal aortic diameter 50% larger than the suprarenal aortic diameter [3] 

 infrarenal aortic diameter 50% larger than its normal value [4] 

 

The latter definition can account for differences between sex, age and other 

factors that affect the normal aortic size and is considered to be the standard one [5]. 

However, with this definition, it is mandatory to know the physiological diameter of 

the abdominal aorta, since this is taken as the baseline.  

Aortic bifurcation  
 

Femoral bifurcation  
 

Fig. 2.2 An AAA, as reconstructed from Computed Tomography Angiography (CTA) data. The 

blood lumen (red) is partly covered in thrombus (yellow).  

AAA 

Renal arteries 
 

Suprarenal aorta 
 

Infrarenal aorta 
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The first to measure the abdominal aorta in vivo were Steinberg et al. in 1965 

using aortography [6] and since then, multiple researchers have explored the aortic 

dimensions [7–9]. For non-aneurysmal individuals, a study [8] that included 1926 par-

ticipants found that their mean aortic diameter was 18.8 mm at 5 cm proximal to the 

aortic bifurcation and increased to 19.0 mm just above it. Also, the aortic diameter 

was significantly larger in men than in women, independent of age, body surface 

area, height and ethnicity. The size difference of the aortic diameter between men 

and women has been reported in other studies as well [10] and is accepted as com-

mon knowledge.  

Moreover, the aortic diameter of people of Chinese, African and Hispanic 

origin is considered to be smaller than the diameter of Caucasians even after adjust-

ing for differences such as body size [8]. In a large study of 1229 Koreans, the maximal 

diameter of the aorta was measured with ultrasound and the values reported were 

considered lower than the respective ones of western people [11]. What is interest-

ing is that while Caucasians have been repeatedly documented to have larger physi-

ological-size arteries, evidence also suggests that AAAs affect them more than peo-

ples of other ethnic groups [8]. 

As already mentioned, the continual enlargement of the AAA poses the life-

threatening possibility of rupture. Hence, by weighting the risk of rupture versus the 

dangers of surgery, the appropriate time of intervention can be decided. In clinical 

practice, AAA’s maximum diameter is the parameter most widely used to access the 

probability of rupture [2]. However, it is known that size criterion is not enough in 

itself. Aneurysms with a diameter less than 5 cm are considered small, yet 10% of 

occurrences are likely to rupture at that level [12]. Incorporating different risk crite-

ria, the American Association for Vascular Surgery and Society for Vascular Surgery’s 

guidelines suggest intervention on an AAA if the maximum diameter of the aneurysm 

is greater than 5.5 cm, if it enlarges at 1 cm per year, or when it becomes symptomatic 

[13]. Recent results, though, suggest that neither the size nor the growth rate may be 

sufficient to assess the risk of rupture. 
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 While clinicians closely monitor the largest diameter of the AAA, Davies et al. 

[14], in an extensive analysis of 1326 patients suffering from thoracic aortic aneu-

rysm, found that an index which takes into account both the aortic diameter and the 

body surface area of the patient can better predict post-operative rupture, dissection 

or death, than the largest diameter alone can. It is possible that a similar conclusion 

exists for AAAs. 

An alternative approach has suggested that the total volume of the aneurys-

mal sac affects rupture regardless of the maximum diameter present in the AAA 

[15,16]. The reason being that size changes of the aneurysm cannot be observed as 

changes of the maximal diameter in over one-third of the cases [15]. Adding to the 

difficulty of finding a single rupture metric, the shape of the AAA has also been re-

ported as a possible rupture indicator, fuelling the respective research.  

The importance of curvature and its changes has been highlighted by many 

researchers, some emphasising that it may be the only significant predictor of wall 

stress [5], a variable that is inherently linked to the risk of rupture. Shape is consid-

ered to be of great importance for the stress field developed in the aortic wall [17] 

and more specifically, it has been found that aortic wall’s curvature significantly af-

fects hoop stress [18]. According to Pappu et al., tortuosity of an aneurysm (i.e. how 

much the vessel turns and twists) changes significantly prior to rupture [19]. Although 

the number of their experiments was low, they noticed that their tortuosity index 

increased by 29.3% before the rupture of AAAs, whereas the mean diameter in-

creased just by 3.3%. In another study though, Fillinger et al. observed the opposite 

trend stating that ruptured AAAs had a less tortuous anatomy than non-ruptured 

ones [10]. More studies have to be undertaken towards this end, however, the indi-

cations suggests that tortuosity can give an insight on the risk factors of rupture. Be-

sides that, no relation between the shape and the size of the aneurysm seems to exist 

[20] making the need for shape exploration even more urgent. 

In addition to the indicators discussed above, there are also pre-rupture radi-

ological signs clinicians search for. These signs include the “crescent sign” which is a 
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haematoma within either the thrombus or the aneurysmal wall that appears crescen-

tic on CT or MRI, the “draped aorta sign” which happens when the aorta drapes on 

the posterior vertebra and finally and most rarely, a discontinuity in the circumferen-

tial calcification [2]. 

The morphology of the AAA is also important for risk assessment. Aneurysms 

are described to be either fusiform or saccular. Saccular aneurysms are balloon like 

expansions that bulge out of the vessel only on a specific side. On the contrary, fusi-

form aneurysms bulge out on all sides of the vessel creating a “uniform” expansion. 

The latter type is the most common one and is considered more dangerous than the 

former at a given size [21].  

Finally, inside most AAAs, there is usually intraluminal thrombus (ILT), a large, 

stagnant blood clot consisting of blood cells, proteins and cellular debris [22]. The 

existence of ILT causes hypoxia to the vessel by reducing the oxygen flow to the un-

derlying aortic wall by as much as two-thirds [2]. This effect, in conjunction to bio-

chemical reactions initiated by the presence of ILT, compromises the tensile strength 

of the aortic wall by up to 36% [23]. Nevertheless, the presence of thrombus has been 

reported to have contradictory effects. Researchers do not agree whether it increases 

or decreases the stress of the aneurysmal wall and both positive and negative effects 

on the rupture risk have been hypothesised [24]. Furthermore, the mechanical prop-

erties of it are not well understood and it is indicative that the elastic modulus of it 

reported in the literature range from 1.3 to 57 N/cm2 [25]. Because of all these un-

certainties, ILT has not been taken into account in the current study. 

 

2.1.2 Epidemiology 

 

The rupture of the AAA sac results in a very high mortality rate varying from 

76% [26] to 90% [27], ranking AAA rupture as the 13th leading cause of death in de-

veloped countries [28]. In the United States alone, 200,000 people are diagnosed 

with AAA annually [29] (6.5% of the population) and Silverberg & Lubera [30] re-

ported that ruptured AAAs are the 10th cause of death for men over 55 and women 
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over 75. In the UK, the National Records of Scotland reported that in 2016 out of all 

deaths related to diseases of the circulatory system, 2.8% occurred due to AAAs and 

dissections and resulted in 427 deaths [31].  

Regarding the demographics, AAA incidents are four to six times more fre-

quent in men than in women, however, when considering small aneurysms, the rup-

ture ratio is three times higher in women than in men [32]. The greater risk of small 

aneurysms in female patients might be related to their smaller initial aortic diameter. 

Furthermore, it has been shown that females exhibit faster growth rate and larger 

proportional dilatation than males [33] and may actually benefit more than males 

from EVAR procedures [34]. 

Currently, in the UK, the guidelines of NHS suggest that AAA surveillance im-

aging should be conducted every year for small AAAs (3.0 – 4.4 cm) and every 3-

months for AAAs with diameter of 4.5 – 5.4 cm. For larger AAAs, the instruction is to 

refer to a surgeon to consider elective repair of the aneurysm so as to prevent rupture 

[35]. 

 

2.1.3 Open aortic surgery vs EVAR  

 

Because of the extreme severity of ruptured AAAs, elective surgery becomes 

a necessity once the aneurysm reaches a critical level. The traditional approach for 

decades has been open aortic surgery, where the aneurysm is cut open, a graft is 

sewn into the proximal and distal part of the vessel and ultimately the aneurysmal 

sac is sutured together again, enclosing the graft. Recent advancements in technol-

ogy though, have allowed a second approach to emerge. Endovascular repair is a 

minimally invasive technique during which a stent graft device (also known as an en-

dograft) is introduced into the femoral or iliac artery of the patient and with the aid 

of a delivery system is placed inside the aneurysmal region. Upon positioning and 

deployment of the stent, an artificial lumen is created for the blood flow leading to 

the decrease of pressure at the aneurysmal wall. More commonly, the stent graft 

consists of 3 parts (or modules), namely the main body and two iliac legs (Fig. 2.3).  
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Stents for the treatment of stenosis date back to the work of Dotter [36] who 

inserted plastic tubes into the femoral and popliteal artery of dogs in 1969. These 

medical devices, though, were not implanted into humans until a decade later, after 

limitations of balloon angioplasty were identified [37]. The first coronary stent pro-

cedure was performed by Jacques Puel in Toulouse, France, in 1986 [38], however, a 

further five years were required until the use of stent grafts in AAAs. Following the 

work of the earlier pioneers, Juan Parodi [39] was the first to perform an EVAR pro-

cedure in Buenos Aires, Argentina, in 1991. Since then the technique has been signif-

icantly developed and has become mainstream.  

A US study reported that the percentage of patients who underwent elective 

EVAR was over 30% in 2001 and increased to over 40% in the following two years 

[40], showing an increasing trend in preference. A recent study showed that EVAR is 

nowadays the most common technique for repairing AAAs although part of the rea-

son might be hospital competition to offer new procedures and better patient expe-

rience rather than clinical indications alone [41]. 

Fig. 2.3 The AnacondaTM stent graft (Terumo Aortic), deployed into an AAA [207]. All the ma-

jor building blocks of the device have been highlighted. 
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When compared to open repair, EVAR has shown to have lower short-term 

rates of death and complications [42]. This initial survival benefit, though, is lost a 

few years after the operation [42,43]. Moreover, EVAR is more expensive [43]. Over 

an 8-year follow-up period, Propper & Abularrage [44] calculated that because of an-

eurysm-related readmissions, the total cost of EVAR is more than £3000 higher than 

open surgery per patient. 

 These assessments show that EVAR, although minimally invasive and hence 

significantly more convenient for the patient (shorter operating time, less blood loss 

and shorter hospitalization), has yet to prove its long term superiority. Stent grafts 

need to improve to become safer and gain a stronghold when it comes to criticism 

regarding medical economics.  

 

2.1.4 EVAR suitability  

 

Various percentages of patient suitability for EVAR have been reported in the 

literature. Different researchers have presented values of 30% [45], 50% – 61.6% [46] 

or even 66% [47] of patients being suitable for endovascular repair. However, when 

taking into account large AAAs with a diameter greater than 5.0 cm, less than 33% of 

them are reported to be morphologically suitable for the procedure [48]. Despite the 

actual percentage, it is true that EVAR is considered to be intrinsically more suitable 

for small aneurysms; hence, it has been argued that it might be preferable to de-

crease the threshold of AAA intervention when it comes to endovascular operations 

[2]. Adding to that, it has been reported that a large aneurysm diameter is associated 

with a shorter aneurysmal neck length [46] i.e. shorter available landing zone for the 

stent graft, a fact that impedes EVAR. The same study suggested that endovascular 

surgery is more promising for aneurysms less than 6 cm.  

 In contrast, intervening too early will have its own adverse effects. From a 

population of more than 30,000 patients it has been estimated that early EVAR will 

result in 482 fewer deaths related to AAA rupture while at the same time will lead to 

140 extra deaths due to EVAR complications [49]. Early intervention for the same 
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population will also result in 21.9% more EVAR procedures and $300 million increase 

in health costs (expenses were calculated for the USA). Note that for this study an 

intervention at a 5.0 cm AAA was considered early and was chosen after arguing that, 

in clinical reality, it is rare to wait until the aneurysm reaches the 5.5 cm threshold. 

Choosing even smaller diameter thresholds would only worsen the results.  

 Patient suitability for EVAR is also related to sex and age. Because of anatom-

ical differences, men are almost twice more likely than women to meet the criteria 

for EVAR [47], although women have been shown to have better results when exam-

ining the early outcomes of the endovascular repair [34]. Similarly, older patients are 

higher risk candidates for open aortic surgery, hence EVAR should be preferred. At 

the same time, though, older candidates are more likely to be disqualified from the 

process due to the anatomy of their aortic neck or iliac arteries [50]. As a result, it 

seems like those who have the greater difficulty to undertake EVAR are the ones who 

would benefit the most from the procedure.  

 EVAR suitability is most often connected to the arterial topology of the pa-

tient. As will be discussed in Chapter 3, short aneurysmal neck and tortuous arteries 

are the most common criteria for EVAR exclusion. Because of the latter, it has been 

argued that if stent grafts could be delivered via thinner catheters the number of 

patients suitable for EVAR would increase from less than 50% to 60% [51]. 

Since suitability challenges are intrinsically linked to the geometrical parame-

ters of the host vessel and the endograft, better stent designs could address most of 

them. This, in part, drives the research in the field. Stent grafts should become more 

tolerable to demanding geometries and ideally be an available treatment option for 

every AAA patient. 

 

2.1.5 EVAR complications 

 

 The EVAR procedure can have a variety of complications with endoleaks being 

the most common [52]. An endoleak occurs when the aneurysm is not completely 
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excluded from the circulation, hence the pressurization of the aneurysmal sac pro-

gresses despite stenting. There are five types of endoleak (Table 2.1). 

 

Table 2.1 The five types of endoleak 

type I inadequate seal – leakage occurs at any of the stent graft ends 

type II 
flow from a branch vessel (e.g. lumbar or inferior mesenteric 

artery) 

type III 
leakage through a defect on the fabric or separation of the mod-

ular components 

type IV leakage from porous fabric 

type V continual expansion of aneurysm without evidence of leakage 

 

 The frequency of endoleak occurrence ranges in the literature from 10% to 

45% [53]. It is interesting to note, though, that unlike the other types, type II endoleak 

may have a positive impact on EVAR thanks to a mild reduction of pressure difference 

between the stent-graft and the aneurysmal sac, thus helping the stent graft to stay 

in place [25].  

Despite the fact that sometimes endoleaks may resolve spontaneously, per-

manent surveillance is necessary since untreated endoleaks that persist can lead to 

late aneurysm rupture. To that end, wireless pressure sensors (that can be implanted 

during EVAR) are being developed, aiming for constant surveillance of the aneurys-

mal pressure [54].  

Apart from endoleak complications, EVAR can also be compromised during 

the surgical procedure (by arterial thrombosis, dissection, contrast-induced nephrop-

athy), after surgery (by ischemic complications due to clot embolization or coverage 

of an important vessel) and even months after the operation (due to limb thrombosis 

caused by stent graft kinking) [52]. Stent-graft infection is another complication that 

can be lethal if untreated, but this occurs in less than 1% of EVAR procedures. [55] 

 A later complication of EVAR that can result in a series of the aforementioned 

issues is stent graft migration. During migration, the device alters position and at least 
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a section of it axially relocates in the vascular tree. This can directly lead to type I 

endoleak, graft tear which will result in type III endoleak and stenosis of stent-graft 

limbs or limb occlusion; incidents like these have been reported even 5 years after 

EVAR [56,57].  

Migration can be attributed to short aneurysmal neck, device deployment 

close to the proximal end of the aneurysm, insufficient stent anchoring and inade-

quate columnar strength [58,59]. Zarins et al. [59] reported the endograft migration 

rate to be just below 19%, underlying the necessity for careful EVAR planning and 

patient inclusion criteria.  

To tackle migration, stent grafts have a variety of design features ranging from 

barbs and pins to hooks and anchors. Such metallic parts, though, are susceptible to 

fatigue fracture. Although cases of fractured anchoring mechanisms rarely occur, 

Najibi et al. [60] reported hook fracture in two EVAR patients 3 years after the proce-

dure. In a more extended analysis, Jacobs et al. [61] studied 7 stent designs over a 10 

year period (1992-2002) and found that fatigue failure occurred in different frequen-

cies among them with the percentages ranging anywhere from 0% to 72%. In this 

analysis, suture disruption, metal fracture or fabric wear, were all considered as fa-

tigue failure.  

 Sometimes, unsuccessful EVAR will lead to surgical re-intervention. Migration 

after the first post-op year is the main reason for such a development, frequently 

because of late dilation of the proximal neck [25]. Within 4 years post EVAR, it is es-

timated that 40% of patients will experience some form of a device-related compli-

cation and half of them will undergo a second operation [53]. Note that despite the 

fact that different stent graft devices have the ability to treat different subsets of 

patients depending on the challenges of their anatomy, most of the EVAR complica-

tions are not specific to any device [62].  

All these facts point out the intrinsic challenges of EVAR. The need for a land-

ing zone, the low tolerance of the delivery system for tortuous paths and the neces-

sity to monitor EVAR patients post-op for the detections of endoleaks are elements 

that are inextricably linked with the procedure. As a result, the need to develop tools 
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and methods to allow improvements upon the endograft designs and the EVAR pro-

cess itself becomes self-evident. Stent grafts that can operate in tortuous geometries, 

that can provide patent flow lumens, be resilient to fatigue and have enough anchor-

ing to prevent migration are some of the most important design needs. Similarly, en-

dografts should be able to compact into narrower delivery systems while the delivery 

systems should become more flexible. Further to that, tools that can allow for virtual 

stent deployments prior to surgery can provide vital help to EVAR planning through 

the examination of different endograft design options, different methods/locations 

of device placement and long-term assessment of the stent graft and blood flow 

states. 

The realization of new technologies and the advancement of the existing ones 

can mitigate those challenges and allow new possibilities leading to more successful 

surgeries and higher survival rates.  

 

2.2 FEA and stent grafts 

 

Because of the intricacies associated with the stent devices described below, 

as well as the inherent complexities of the vascular environment which will be illus-

trated in Chapter 3, analytical solutions for the mechanical assessment of EVAR are 

generally not possible. As a consequence, numerical techniques are being used to 

model and analyse the introduction, deployment and operation of stent grafts inside 

aortic sections. Herein, the widely used numerical method of FEA is being applied.  

The finite element technique is a discretization method which meshes a struc-

ture into a number of simple-shaped elements. Then the quantities of interest (e.g. 

displacements) are assumed to vary over each one of these elements in a way that 

can be approximated with polynomial functions. The attempt to solve a complex 

structure is thus turned into the effort to solve an assembly of numerous simple ge-

ometrical elements. To acquire solutions with a discretization technique, time needs 

to be discretised as well. By either requiring in each time step to use variable values 
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from the new or the old/current time step, implicit and explicit approaches are de-

fined respectively. Implicit approaches are stable for any time interval and are pre-

ferred for static analyses whereas explicit approaches require very small time steps, 

hence, are deemed suitable for either dynamic analyses or highly non-linear prob-

lems. As will be seen later on, an implicit approach was used in Chapter 4 while an 

explicit one was employed in Chapter 5.  

In the following section, the key FEA developments on stent grafts are dis-

cussed. The section starts by introducing the physical structure of stent grafts and 

continues by presenting an overview of Nitinol, currently the most popular material 

for endograft devices. The section proceeds with the modelling challenges of the ma-

terial and concludes with both the advancements and difficulties in EVAR simulations.  

 

2.2.1 General features 

 

An EVAR stent graft is a metallic structure covered with fabric. Since its pur-

pose is to create and preserve an artificial lumen for the blood flow, the device has 

to be structurally stable to stay in place and its fabric has to have low porosity to 

prevent blood transfer into the aneurysm. The metallic section serves as scaffolding 

(a)                (b)                                 (c) 

Fig. 2.4 Most EVAR stents have Z-type configurations, either in a series of Z-shaped loops (a 

– Endurant®, Medtronic) or in Z-shaped spirals (b – Zenith Spiral-Z®, Cook Medical). Exception 

is the helical shape of Aorfix® (Lombard Medical) (c) and the bundle rings of Anaconda® 

(Terumo Aortic) (Fig. 2.3).  
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that supports the fabric and ensures the device’s fixation so as to ensure sealing. The 

shape of the metallic section for most devices has a Z-type configuration; exception 

to that is AorfixTM (Lombard Medical Technologies PLC, Didcot, UK) which has a helical 

wire and AnacondaTM (Terumo Aortic, Glasgow, UK) which has a series of circular 

rings (Fig. 2.4).  

 Regarding the materials, Nitinol alloy is currently the most widely used metal 

for the scaffolding of endografts with stainless steel and Elgiloy alloy following. For 

the fabric of the device, either woven PET or ePTFE are usually chosen (both belong-

ing to the polymer family) [63]. A list of commercially available stent grafts can be 

found in [64]. 

 The choice of the appropriate material is crucial for any device. Apart from 

the need to be biocompatible, materials need to be able to deform significantly to fit 

the delivery system without permanent deformations and have good fatigue proper-

ties to withstand a minimum of 10 years of usage. Additionally, devices need to have 

the least amount of material necessary (thin Nitinol wires and thin fabric graft) so as 

to be able to be tightly compacted into the catheter while still be durable. Similarly, 

devices need to be stiff enough to stay in place and keep the lumen open while at the 

same time be flexible to handle the delivery process and any excess tortuosity of the 

arteries. All these demanding and conflicting aspects have to be taken into account 

and be optimized for every stent graft design.  

 The current study focuses on the AnacondaTM stent graft. This device consists 

of a series of Nitinol rings and woven PET fabric and while both these materials have 

been used in many FEA simulations over the last years, there are very few studies at 

this particular system. Most analyses have simulated Z-type stents as these all share 

common geometrical features meaning that outcomes from such investigations can 

be applied to the majority of available devices. An overview of key research outcomes 

useful for the current study are presented below.  
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2.2.2 Nitinol material  

 

 Nitinol is a metal alloy that contains nickel and titanium at approximately 

equal atomic percentages. It was discovered at the Naval Ordnance Laboratory (Mar-

yland, USA) in 1959 and over the last decades has become a very popular material in 

the medical world due to a series of properties which make it ideal for implant use.  

 Nitinol has two distinct crystal phases (austenitic and martensitic) and has the 

ability to transform from one to the other under temperature changes or strain ap-

plication. The austenitic phase is usually stable at high temperatures and low stresses 

while the martensitic phase is stable at the opposite conditions [65]. The transfor-

mation between the two gives rise to the following special characteristics: 

 

 Shape memory effect: the material can be cooled down, be plastically de-

formed and then heated to the original temperature where it recovers its orig-

inal shape. 

 Superelasticity: the material undergoes severe deformations with practically 

no permanent strains.  

Fig. 2.5 Stress-strain curve of Nitinol under uniaxial loading. The variables correspond to the 

Abaqus material implementation [208]. 
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Regarding EVAR applications, the superelastic behaviour of Nitinol is vital for the op-

eration of stent grafts.  

 When Nitinol is stressed, it deforms elastically up to its transformation limit 

(Fig. 2.5). Then, Nitinol changes its crystal structure from austenite to martensite 

which allows the material to undergo a superelastic plateau (usually between 1-8% 

strain). If not excessively deformed (i.e. beyond the martensitic linear region), Nitinol 

will unload from a lower stress plateau and restore its austenite phase with practically 

no plastic deformations; only strains over 9-10% will usually induce residual strains. 

The response of the material in tension and compression is asymmetric, with the 

transformation limit in compression being greater (in absolute value) than the tensile 

one and the superelastic plateau generally shorter. The superelastic behaviour makes 

Nitinol an ideal candidate for stent grafts since for EVAR to be performed, endografts 

have to undergo significant deformations when compacted into the delivery system.  

 At the same time, Nitinol is one of the very few alloys that apart from being 

superelastic it is also biocompatible [66]. As a merit of passivation, Nitinol can resist 

corrosion by creating a thin protective film of titanium based oxide. It should be noted 

though that upon the application of the cardiac loading, which induces pulsatile mo-

tion to the endograft, this shield layer may break, undermining the biostability of the 

stent [64]; hence attention must be taken regarding surface treatment. Nevertheless, 

the material has been successfully used in stents for decades with the first medical 

Nitinol devices dating back to the mid-1970s [67].   

 Another characteristic that makes Nitinol popular for stent grafts is its very 

good fatigue properties. Currently, European standards require that all stents must 

be tested to withstand 10 years of equivalent in vivo pulsatile loading and that trans-

lates into 400 million cycles of fatigue testing [68].  

Contrary to linear elastic materials, Nitinol increases its fatigue life when εmean 

increases over 1.5%, due to the formation of stress induced martensite [69]. This is 

very encouraging since in vivo εmean≠0. In fact, in vivo, the critical areas have εmean>0. 

This is because when a stent is deployed, the rings (or struts for most designs) are 
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under bending, thus one side of the wire is under tension and the other under com-

pression. Nevertheless, because Nitinol has a higher compressive than tensile trans-

formation stress, the side under tension will enter the superelastic plateau earlier, 

leading to a larger tensile (i.e. positive) strain; hence it is this region that will domi-

nate the fatigue fracture. 

In general, though, εamplitude has a greater effect on fatigue life than εmean has 

[70] and it has been found that fracture tends to occur for εamplitude > 0.4% in high-

cycle (≥105 cycles) [69], which is used as a threshold for endograft manufacturers.  

Furthermore, Nitinol exhibits better fatigue behaviour in strain rather than 

stress controlled environments [71]. Once again, this proves to be very convenient 

since in stent applications, materials are loaded under a strain controlled way, in a 

sense that loading due to blood motion moves the vessel and the motion of the vessel 

dictates the endograft’s deformation. Blood vessels pulsate between systolic and di-

astolic pressure creating the boundary conditions of the EVAR environment. Blood 

pressure, the age of the patient, local aortic geometry and any possible disease, all 

affect the compliance of the vessel. The more compliant the vessel is, the greater the 

εamplitude. From a fatigue perspective, the worst case vessel is the most compliant, 

which normally is a young and healthy one; Duerig et al. [71] documented a 5% di-

ameteral change during a ΔP = 100 mmHg for a vessel like that. This value though can 

drop to 2% when the artery is stented, and it is this constrained environment that 

stent manufacturers have to ultimately consider.  

The characteristics of Nitinol have also been shown to be very sensitive to 

temperature changes [72]. With the increase of temperature both the loading and 

unloading stress plateaus shift upwards while the opposite is true for a temperature 

decrease [73]. If an unloaded Nitinol wire is heated, then Af can be defined as the 

temperature at which all martensite crystals are transformed into austenite. For stent 

grafts to operate successfully, Af has to be lower than body temperature but quite 

often manufacturers seek to be marginally below this limit [71]. The reason being 

that the higher Af is, the more compliant the stent becomes [66].  
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Lastly, apart from temperature sensitivity, Nitinol has been demonstrated to 

be sensitive to the rate at which it is strained as well [74], posing extra difficulties on 

its characterization and as a result on its optimum implementation on EVAR.  

 The fact that Nitinol is a non-linear, temperature-dependent material that ex-

hibits memory and hysteresis effects, makes its mathematical and physical character-

ization very challenging and that inevitably translates into challenges during the mod-

elling and simulation procedures. 

 

2.2.3 Nitinol modelling 

 

 The highly non-linear, temperature and path dependent behaviour of Nitinol 

has been modelled by various researchers with a number of constitutive models. The 

two most notable stem from the works of Auricchio et al. [65] and Qidwai & Lagoudas 

[75] with the former being the one adopted herein. This choice follows most Nitinol 

stents modelled in the literature and it is also in agreement with the works of Bow 

[76] and Boukis [77] whose results have been important to the current thesis.  

 Auricchio’s model is based on the generalized plasticity theory. By assuming 

isotropy and splitting strain into a linear elastic part and a transformation part that 

follows plasticity rules and is further split into a dilatational and a distortional com-

ponent, all major behaviours of Nitinol are modelled.  

 Auricchio’s model has also been implemented into the commercially available 

Abaqus software, the numerical environment used in the present body of work. For 

this purpose, a user defined subroutine (UMAT) has been used, with 15 input varia-

bles that help construct a detailed stress-strain graph (Fig. 2.5). Through these key 

variables, different elastic properties for the austenite and martensite phases can be 

implemented, as well as different transformation stresses in tension and compres-

sion. The model can also take plasticity into account, yet this feature has not been 

used in the present work since no relevant data were available during the conduction 

of the study.  
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2.2.4 FEA stent graft modelling 

 

AAA rupture occurs when the wall stress of the aneurysm surpasses its wall 

strength; and unfortunately, AAA dilation results in both an increase in wall stress 

and a decrease in wall strength [78].  

Although the stress distribution of an AAA is highly dependent on the shape 

of the aneurysm [18], researchers have attempted to identify the peak stress values 

for the aortic wall. Through the use of FEA, Giannoglou et al. [5] studied 39 patients 

and reported that the peak wall stress among them varied from 10.2 to 65.8 N/cm2. 

However, similar values have been measured for the yield stress of the AAA wall. 

Raghavan et al. [79] measured ex-vivo the yield stress of AAA and found it to be 71 

N/cm2 for the circumferential and 65 N/cm2 for the longitudinal direction (in compar-

ison to 121 N/cm2 for the surrounding healthy tissue). Very similar values have been 

reported by other researchers as well (68, 65 and 121 respectively in [80]).  

 Knowledge of the distribution and the magnitude of the wall stresses, though, 

is not sufficient for AAA rupture prediction. AAA wall strength is also location depend-

ent, meaning that regions with lower stresses may be at greater risk of failure than 

regions with higher stresses just because they may correspond to areas with low wall 

strength [78]. 

 In any case, FEA studies have reported that stresses in the aneurysmal wall 

can decrease by a factor of 10 [81] or even 20 [82] after the application of a stent 

graft since the device acts as a cushion of pressure for the aneurysmal region. As a 

result, a successful EVAR can effectively shield the aneurysmal sac from excessive 

stresses. Similarly, the sac pressure is reduced by a factor of 10 when sealing is se-

cured [82]. The remaining pressure seems to be the result of the luminal blood pres-

surizing the stent graft against the stagnant blood of the aneurysmal sac.  

 FE analyses have also allowed significant insights in the stent graft structure 

itself. The stress/strain state of a stent from manufacturing to deployment changes 

multiple times and since Nitinol is a load history dependent material, all of these 

changes have to be followed in order to correctly identify the final state of the mate-

rial in vivo; a process that can be simulated sequentially with FEA. As Fig. 2.6 a shows 
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for the AnacondaTM, during the manufacturing process of the device, Nitinol wires 

are stressed (details on the manufacturing process are discussed in Section 4.1) and 

then compacted into the delivery system with part of the Nitinol rings entering the 

superelastic plateau. Sterilization and transfer into the human body are heat treat-

ments which increas the stresses without strain alteration. After that, deployment 

allows the material to unload from a lower stress plateau exhibiting hysteresis before 

the final in vivo cycling stage which converges into a repeatable non-hysteresis curve 

which is followed for the rest of the stent’s operation. It is worth noting that each 

(a)    

(b)  

Figure 2.6 Stress-strain curve of Nitinol during Anaconda’s life cycle (a). Total radial force-

stent diameter curve of AnacondaTM during EVAR (b).  
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Initiation of Nitinol phase transformation  
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point of the stent will be at a different stress/strain state having been affected differ-

ently by the compaction/deployment process; and with FEA the most critical regions 

can be identified. 

If we define the total radial force exerted from a stent as the sum of the radial 

components of the forces developed at the device/vascular wall interface, then a be-

haviour similar to the one described above can be observed on a force-diameter 

graph (Fig. 2.6 b). The total radial force will increase during compaction and at de-

ployment will reduce to a lower plateau. What is interesting is that at the deployed 

state, any force of the vessel against the stent will generate a strong opposing force 

from the device, named the radial resistive force (RRF). At the same time, the stent 

graft exerts a stable, gentle force against the vessel, named the chronic outward force 

(COF). This double-standard response is a consequence of hysteresis and has proven 

to be very useful in stents, especially when treating stenosis. While for those stents, 

though, it is clear that devices should exhibit as high RRF and as low COF as possible 

[66], for stent grafts treating AAA the design objective is less clear. Low COF means 

that the stent will not damage the endothelial cells, but too low a COF will compro-

mise sealing. At the same time, RRF should be high enough to keep vessels from col-

lapsing (especially tortuous iliac arteries) but not too high to prevent the endograft 

from adapting the vascular shape. Too high a RRF can also create a strong compliance 

discontinuity between the vessel and the stent’s ends leading to hinge points at the 

vascular wall which will increase local stresses [83]. Ideally, stent grafts need to en-

sure anchoring and sealing while providing the necessary compliance. Nevertheless, 

it is exactly this compliance that increases the pulsatile motion of the stent and can 

eventually challenge the fatigue limits of Nitinol.  

Although, as mentioned above, safety guidelines suggests a 400 million cycle 

fatigue test under the in vivo conditions for assessing stent graft’s durability, a study 

tried to map the fatigue failure of Nitinol by testing it under a range of possible εmean 

and εamplitude combinations, both physiological and not [69]. The authors concluded 

that in vivo pulsatile motion is not sufficient to cause fracture on its own and hypoth-
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esised that non-pulsatile cyclic motions such as off-axis vascular deflection and mus-

culoskeletal deformations could induce significant fatigue damage. Although their 

study focused on peripheral arteries, the aortic environment might bear similarities.  

Fatigue performance of endografts obviously depends on their design and by 

setting appropriate objectives, FEA can help optimize various geometrical aspects of 

them. Such a study was conducted by Azaouzi et al. [84] for a Z-stent and improved 

its fatigue life by minimizing the strut volume without decreasing its radial stiffness 

below a set threshold. Similarly, on an analysis that considered different kinds of fab-

ric, researchers studied the effect of various grafts on the fatigue life of the scaffold-

ing itself and found that PET, when combined with Nitinol stents, can result in a de-

vice with greatly improved fatigue life due to its stiffer response and as a result, its 

reduced pulsatile motion [70]. Studies like these can generate valuable outcomes, 

which only numerical analyses can deliver. 

Despite all the complications a stent fracture will bring though, and despite 

the fact that fatigue fracture is a variable well taken into account during design and 

manufacturing through the use of conservative safety factors, it should be noted that 

it cannot be a sole criterion of EVAR failure. A stent may very well be intact and yet 

fail to perform its intended function by either failing to anchor and/or seal appropri-

ately or by creating blood occlusions. As a result, the stent’s radial strength and flex-

ibility are two key mechanical aspects that also need special attention.  

A decrease in radial forces can jeopardize anchoring and induce a type I en-

doleak. It has been shown that radial strength (measured in N/mm) is the clinically 

relevant variable most sensitive to stent design; during a Z-stent analysis it was shown 

that a 30% increase of the width of the struts resulted in a 61% increase of its radial 

strength [85]. 

For a more direct evaluation of sealing, Von Sachsen et al. [86] created a nu-

merical tool for assessing the sealing potential of endografts by dividing the ring-ves-

sel area that is in contact at deployment over the total ring-vessel interface that 

needs to be in contact. Furthermore, in their work, FEA results were integrated into 
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a surgical planning software, recognizing the need for user friendlier software envi-

ronments when the end users are practitioners. Such efforts are useful because they 

direct research into clinical implementation, allowing practitioners to make more in-

formed decisions when most needed.  

By adjusting and optimizing the design of endografts, radial strength and seal-

ing performance of stents can be improved. Through alterations in the geometrical 

dimensions of a braided stent, Kim et al. [37] demonstrated the ability of fabricating 

stents with tailored mechanical stiffness. The choice between a stiffer versus a more 

flexible endograft, though, is a difficult one to make and is always central in the de-

sign and manufacturing decision process. A stiffer device can reduce the pressure 

wave transmitted to the aneurysmal wall protecting it from high stresses, although it 

cannot match irregular geometries as successfully as a softer one. It has been men-

tioned that when tortuous aorto-iliac aneurysms are stented, flexible stent-grafts 

could prove beneficial as they may decrease complications [87]. Moreover, their me-

tallic scaffolding could be spiral or circular, since it has been shown that these designs 

provide greater flexibility as well as lower stress values compared to Z-stents [88].  

Stent grafts, especially when stiff, tend to straighten the host vessel, an effect 

that is possible to result in arterial kinking or strain concentrations in the arterial wall. 

The ability of a stent to adopt the path of a vessel is called “conformability” and it has 

been shown that it depends primarily on the stent’s design and secondly on the ma-

terial of construction [66].  

Simulations of either the insertion of a guide wire alone [89] or a guide wire 

with a stent [90] have replicated the straightening of the host vessel. Similarly, using 

a 3D reconstruction technique, Liao et al. [91] compared the pre and post-op images 

of coronary stented arteries and documented a 21.5% reduction of mean arterial cur-

vature. Furthermore, De Bock et al. [92] showed that the straightening of vessels is 

not only device specific but it cannot be predicted even when the pre-op tortuosity 

index of the vessel is known. In other words, straightening happens and can only be 

estimated in a case by case manner.  
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The efforts to improve the mechanical behaviour of stent grafts in order to 

reduce EVAR complications is accompanied by the research on endograft design op-

timization so as to increase their suitability. Towards that end, a major objective 

among manufacturers is to decrease the profile of stent grafts so as to increase the 

range and number of patients treated with EVAR. Reducing the thickness of the de-

livery system will prove very beneficial in patients who typically have narrower and 

more challenging femoral and iliac arteries such as Asian patients and women in gen-

eral [93]. It has been argued that decreasing the diameter of the delivery system can 

raise patient suitability by up to 10%, leaving only inadequate aneurysmal neck mor-

phology to remain an exclusion criteria of endovascular repair [51].  

The numerical tools to drive such design improvements are under constant 

development, yet for most studies, only Z-stents are taken into account. The Ana-

condaTM stent (along with similarly designed devices like the ThoraflexTM Hybrid 

(Terumo Aortic)), which is the focal point of this study, is a distinct and rarely consid-

ered geometry. Unfortunately, as it will be discussed in Chapter 4, there is no model 

currently available in the literature that can accurately capture the mechanical state 

of the entire AnacondaTM Nitinol scaffolding.  

The existing models usually adopt the ‘equivalent beam’ simplification 

[88,94,95] which tries to capture the bending stiffness of the rings; nevertheless, with 

this approach, the exaggeration of strain magnitudes is unavoidable. Additionally, 

these models disregard the manufacturing process of the device which is proven 

herein to be critical for the correct mechanical assessment of the endograft.  

In the works of McCummiskey [96] and Van Zyl [97], manufacturing strains 

have been taken into account on a single turn ring, a basic version of the structural 

unit of the AnacondaTM. These works were important because they captured the me-

chanical state of the ring more reliably  and they allowed for accurate multi-turn anal-

yses to be realised later on by Bow [76]. Nevertheless, all these studies utilized the 

double symmetry of the ring, making the models inadequate for multi-ring (let alone 

for full device) simulations. Furthermore, the use of continuum elements made these 
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approaches computationally demanding, sometimes requiring a full day for a simula-

tion to run; a challenging time-frame for research and development use. 

All these limitations are addressed herein, in Chapter 4.  

 

2.2.5 Stent graft modelling beyond FEA 

 

Finite element analysis is a powerful tool for EVAR and what is more, the tech-

nique itself is constantly improving. Along with faster computers and more elaborate 

FEA software, researchers try to produce more sophisticated finite elements for stent 

modelling [98] and new material models are often implemented into commercial 

codes. In the meantime, non-commercial software attempt to optimize the technique 

even further. Strbac et al. [99] developed a custom FE code based on graphics pro-

cessing unit (GPU) technology that could calculate the stress state of an AAA from 10 

to 17 times faster than a standard finite element code. These advances are promising 

and strengthen FEA technology to keep delivering useful insights; yet not all compu-

tational analyses are about FEA. Below, a few different numerical techniques are dis-

cussed briefly for completeness.  

 

Computational fluid dynamics (CFD) 

 

Computational fluid dynamics (CFD) is a numerical technique that allows the 

study of the behaviour of complicated flows and has been used extensively for the 

investigation of AAAs. Some studies concentrate on idealized AAAs, others on patient 

specific geometries and others on stented arteries. The field is wide and promising 

with various interesting observations having been made already.  

CFD is very useful when examining occlusions and flow disturbances. In vitro 

flow visualisation has shown that flow separation and low velocity can be associated 

with thrombosis [100]. As a result, such phenomena could be eventually predicted in 

a patient-by-patient case numerically, with the use of advanced models.  
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In 2014, the first patient-specific analysis of the fenestrated AnacondaTM was 

conducted in order to examine the drag forces acting on the device [101]. Although 

the endograft was idealized, the study showed that the blood pressure is the principle 

contributor of the overall force, hence the waveform of the two variables closely 

matched.  

It is important to bear in mind that the correct geometrical representation of 

vessels is crucial for all hemodynamic analysis since idealized topologies bring signif-

icant limitations. Morris et al. [102] studied the blood flow patterns between an ide-

alized, in-plane and a realistic, out-of-plane stent graft and concluded that geometry 

has greater influence on the outlet flow rates, flow patterns and drag forces than 

boundary conditions have. Moreover, drag forces were 26% higher in the realistic 

than in the idealized model. 

Similarly, correct geometrical representation is critical for the stent graft as 

well. In the vast majority of CFD studies, the EVAR devices are simulated with an un-

wrinkled fabric surface that serves as a smooth boundary wall for the blood flow (for 

some recent examples the reader is referred to [103–106]). Yet the wrinkles on the 

surface of the graft can induce micro recirculation and reverse flow that has been 

connected to the formation of thrombus [105]. Similarly, thrombus is formed in low 

shear stress areas that result in increased blood viscosity [107] and these regions will 

be affected by the flow boundary. Furthermore, the presence of kinks and occlusions 

can increase the drag forces and can possibly lead to the migration of the endograft 

[25]. Hence, accurately capturing the graft shape is for many reasons favourable for 

a high fidelity hemodynamic analysis.  

Recognizing the usefulness of CFD, Section 5.4 demonstrates the ability of the 

developed model to be used in detailed hemodynamic analysis that captures the ef-

fects of fabric wrinkling.  
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Fluid structure interaction (FSI) 

 

Fluid structure interaction (FSI) is an approach to study the synergy of a de-

formable structure and a flow that are coupled together. It is usually addressed by 

combining FEA with CFD, and despite the complexities involved, it is a very suitable 

technique for the investigation of AAAs. The reason being that the dynamic blood 

flow induces a radial deformation to the vessel (and endograft) which serves as 

boundary condition for the hemodynamics of the system.  

FSI models which have been proposed until now are compelled to make nu-

merous simplifications, nevertheless, they provide initial insights into the topic. Li et 

al. [82] created a homogeneous stent (no separation between metallic wires and 

graft) and deployed it in different AAA environments to measure the peak migration 

force versus 12 biomechanical parameters. Note that the migration force acting on 

the endograft is produced by the blood pressure and the friction on the graft, and 

can be split into a downward and a transverse component. The former affects the 

fixation of the proximal neck while the latter, which is significantly smaller, the fixa-

tion of the legs [58].  

Li et al. [82] also showed that the migration force increases primarily with the 

increase of the stent graft diameter, body-to-leg diameter ratio, neck angle, iliac bi-

furcation angle and hypertension. The reported migration forces were between 1.4 

and 7 N, although no validation was provided. In the meantime, fixation forces have 

been measured to range from 4.5 to 25 N depending on stent design, with the devices 

that have hooks and barbs performing better [108]. Needless to say that if fixation 

forces are higher than migration forces, the stent will stay in place. Note, however, 

that apart from the attaching mechanisms, oversizing, the stent columnar strength 

and contact at the bifurcation region, all enhance fixation as well.  

In contrast to the above, some FSI analyses have considered the unstented 

AAA. Papaharilaou et al. [109] demonstrated that although FEA can produce reliable 

results regarding wall stress distribution, it underestimates the magnitude of the 

peak wall stress by up to 12.5% when compared to a dynamic, FSI analysis. 
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The advantages of FSI analyses are apparent since they can provide a holistic 

view of EVAR. Nevertheless, such analyses usually require many assumptions and 

tens of runtime hours making the technique very computationally demanding. De-

spite the many merits, further advancements need to be made for FSI to be more 

extensively used.  

 

Fast virtual stenting (FVS) 

 

Because of the long runtime needed to obtain results from an FE (and even 

more from an FSI) analysis, computationally faster approaches have been proposed. 

Fast virtual stenting (FVS) describes models that forecast the final configuration of a 

stent in a matter of seconds or few minutes. Such models cannot predict the mechan-

ical state at which the involved structures will be after surgery, but may give valuable 

estimations of the positioning of the deployed stent in times acceptable to clinical 

practice.  

A FVS approach described by Larrabide et al. [110] used a deformable simplex 

model (a technique that uses a partial differential equation to move a mesh under 

the effect of forces) to virtually deploy a coronary stent and acquired results that 

resembled the experimental deployment on a phantom model.  

 A different study utilized a spring analogy [111], in which the FVS method as-

sumes the mesh edges to be springs. In this study, different spring types were con-

sidered and the lineal one, although the simplest, was found to be adequate enough 

to capture most responses the more sophisticated models predicted. This model was 

further developed and validated against FEA for a Z-stent deployed in various anato-

mies [112]. Results showed that the mean discrepancy of the nodal positioning of the 

stent between FEA and FVS was anywhere from 4% to 10%. Calibration of the stiff-

ness of the springs according to FEA followed and although nodal positions were not 

significantly improved, residual forces were drastically reduced (<0.2 N), showing 

great potential for the technique. 
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 Further development of the FVS approach might prove very useful in the fu-

ture. Advancements in the mathematical implementation and the modelling of con-

tact could make it a very popular choice for analysts and clinicians alike. Although FVS 

cannot inherently predict strains, stresses and possibly radial forces, the satisfactory 

estimation of stent’s final position in combination with the extremely quick solution 

times suggest that, one day, this technique could be used alongside FEA for the treat-

ment of patient specific AAAs. 

 

2.3 Summary 
 

EVAR is established as a standard surgical approach for AAA treatment. De-

spite the short-term benefits this minimally invasive approach exhibits though, long-

term studies show no statistically significant difference between the outcomes of 

endovascular repair and open aortic surgery. The disadvantages of EVAR lay mainly 

in the engineering of the endografts and include endoleaks and device migration, 

complications that raise the need for long-term post-op surveillance adding to pa-

tients’ inconvenience and cost. 

 In the recent years, a great amount of effort has been put into simulating 

EVAR. Computational techniques try to model endografts and virtually deliver and 

deploy them inside AAAs. These advancements have allowed for a significant under-

standing into the mechanical environment under which a stent graft operates and 

the consequences of such environment into the device itself. Nevertheless, endo-

grafts still struggle to prove their post-op superiority.  

 Clinicians look for manufacturing improvements while manufacturers seek for 

research findings to address those needs. Yet the tools to allow such advancements 

are still unavailable. As was illustrated in this chapter, EVAR suitability is linked to the 

design of the stent graft, meaning that it is vital to have the tools to examine a great 

variety of case studies that can take into account different geometries so as to ex-

plore different endograft design possibilities. In addition, it was recognized that those 

who would benefit the most from EVAR (e.g. elder and women in general) are those 
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who currently exhibit the greatest difficulties in undertaking it because of challenging 

arterial geometries; this unfortunate reality could be improved by models that exam-

ine the results of further compacting the endografts to tackle narrower arterial paths. 

Furthermore, surgical planning assistance in order to avoid migration and endoleak 

complications needs to be realized. If clinicians have access to a tool with which they 

can evaluate different EVAR possibilities pre-op, then necessary re-interventions 

could be reduced and the EVAR success rate be improved.  

In order for these needs to be addressed, the appropriate computational tools 

have to be created and currently the development of reliable, efficient and robust 

FEA methods to allow the progress of EVAR is far from sufficient, especially when 

considering non Z-type stent grafts. Recognizing that migration and sealing assess-

ment, fatigue analysis and blood flow evaluation are the most critical outcomes a 

numerical analysis can offer, the objectives that were set in the current thesis were 

to deliver an FEA tool that can predict:  

 

 εamplitude and εmean of the stent structure to address fatigue related questions 

(further-on mentioned as 𝛥𝜀 and 𝛭𝜀 respectively) 

 Radial forces (in the form of COF) to help assess the threat of migration and 

consequently type I endoleak  

 the deployed position of the endograft for overall EVAR assessment and utili-

zation of it as a starting point for detailed CFD analysis 

 

and all that for any target geometry, which is to say, for any patient specific host 

vessel. 

As a result of this effort, Chapters 4 and 5 will demonstrate the development 

of two models that address those key desiderata for the AnacondaTM stent graft us-

ing the commercial FEA software Abaqus. Before that, however, Chapter 3 will illus-

trate the variety of geometrical configurations in which AAAs manifest themselves 

and will create a geometrical framework that can help endograft development in all 
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future studies. After all, it is exactly this geometrical variability that make patient spe-

cific endografts a highly desirable evolution in the EVAR world. The hope is to bring 

those numerical tool advancements a little closer to reality; a little closer to patients 

that need them.   
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Chapter 3 

Patient Specific Aorta 
 

 

 

 

 

 Abdominal aortic aneurysms are extremely diverse in their morphology and 

the need for patient specific EVAR simulations derives from the challenging fact that 

no two AAAs are the same. In this chapter, a new framework for the description of 

the AAA geometry is proposed and used to identify representative and worst-case 

aortic geometries for the deployment of endografts. The statistical distribution of 

various crucial angles and dimensions is examined along with the investigation of a 

popular assumption regarding the cross section of the aorta. These data can enhance 

the in-depth understanding of the boundary conditions stent grafts experience. The 

outcomes of the analysis can help address more efficiently the variety of AAA patients 

as well as allow virtual models to be built in order to test various stent designs under 

extreme, yet realistic anatomies.  

 Furthermore, a material model that simulates the overall response of the ab-

dominal aorta is produced. After critically examining the literature, a phenomenolog-

ical model is developed by using available experimental data. Pressure-Radius curves 

of the artery are recreated and utilized to fit a new mathematical model that can be 

implemented into Abaqus, the development platform used in the thesis. The result-

ing material model imitates the inflation of the abdominal aorta with great accuracy, 

as validation demonstrates. Finally, a methodology to identify the unloaded vessel 

size from (in vivo) CT images is presented and discussed.  
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3.1 An extensive geometry study 
 

When it comes to the clinical reporting of AAAs, a series of different measure-

ments are taken into account in addition to the maximum aneurysmal diameter. An 

early reporting model on aortic aneurysm was published in 1997 regarding infrarenal 

AAAs [113]. This document covered both anatomical and clinical aspects of the aneu-

rysm with the purpose of establishing a uniform standard for analysing and present-

ing patient’s data. In 2002, the Ad Hoc Committee for Standardized Reporting Prac-

tices in Vascular Surgery of The Society for Vascular Surgery/American Association for 

Vascular Surgery published an updated procedure of reporting AAAs by classifying 

the aneurysms according to their anatomy, etiology and clinical presentation (e.g. 

symptomatic or asymptomatic) [114]. 

Regarding the anatomy, until now, several methods for defining, grading and 

evaluating the aneurysmal site have been proposed [47,113,115–117], but with small 

variations, all of them take into account the same characteristics. A summation of all 

anatomical variables recorded in clinical practise results in the following list: 

 

1. Proximal aortic neck  

 morphology (straight, taper, reverse taper or bulging) 

 length 

 diameter 

 angle between the flow axis of the neck and the body of the aneurysm 

 amount of thrombus and calcification 

2. Aneurysm 

 maximum AAA diameter 

 tortuosity  

 aortic angle, defined as the most acute angle of the centreline between 

the lowest renal artery and the aortic bifurcation 

 amount of thrombus and calcification 

3. Distal aortic neck 
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 length  

 diameter 

4. Iliac arteries (common, internal, external) 

 diameter  

 evaluation of the presence of stenosis/occlusion 

 sealing zone length, defined as the length of the vascular region available 

for stent deployment 

 angulation as defined for the aneurysm 

 tortuosity  

 amount of thrombus and calcification 

 

Despite the technical difficulties that arise from measuring medical images 

and the different estimations that emerge due to the subjectiveness of the clinicians, 

most of the above metrics are straightforward to acquire. The same is not true, 

though, for tortuosity (Fig. 3.1). In a detailed analysis, Wolf et al. [117] evaluated the 

aortoiliac tortuosity of 75 patients using 4 different approaches:  

 

1. Observers: 2 surgeons graded the severity of the tortuosity qualitatively, in a 

scale of 1 to 5. 

2. Tortuosity index: curvature (named as point tortuosity) was measured at 1-

mm intervals along the centreline and when greater than 0.3 cm-1, was 

accumulated. The 0.3 cm-1 limit was considered as a threshold of significance. 

3. MLC–straight line ratio: the ratio of the centreline’s length over the straight 

line that connects the renal arteries to the femoral bifurcation (points A and 

B respectively in Fig 3.1).  

4. Cumulative angulation: the sum of all angles that diverge from a straight path 

at the points of angulation. This, though, was done manually from 2D images, 

so the metric was criticised as ill-structured.  
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Researchers concluded that all of the metrics correlated significantly with 

each other but the MLC ratio was found to be the closest to the grading of the 

observers. The former is the metric most commonly used in the literature and is the 

one adopted herein as well.  

 

Looking at the AAA reporting list, another interesting point to be made is the 

emphasis on the iliac arteries’ morphology. Iliacs are included in all reports because 

when ill-shaped they can be an exclusion criteria for EVAR. As discussed in Section 

2.1, adverse anatomical characteristics of the iliac arteries are responsible for access-

related complications of the delivery system of the endograft and combined with 

short aneurysmal neck are the leading causes of conversion to open aortic surgery 

Fig 3.1 Low (a), average (b) and high (c) tortuosity cases of AAAs. The lower renal artery (Point 

A) and the femoral bifurcation (Point B) are connected with a centreline (𝐿1) and a straight 

line (𝐿2) that allows tortuosity to be defined according to the MLC–straight line ratio ap-

proach, as  
𝐿1

𝐿2
⁄ . The blood lumen (red), the calcified regions (white) and the thrombus (yel-

low) are visible. 

Point A 

Point B 

𝐿1 𝐿2 

                           (a)                                                 (b)                                                (c) 
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[118]. The overall most common factor for disqualification for EVAR is regarded to be 

the length and anatomy of the proximal neck of the AAA [45,50], yet it is calcification, 

occlusion and tortuosity of the iliac arteries that are responsible for the majority of 

access complications during EVAR procedures [118]. According to Henretta et al. 

[119], the difficult anatomy of the iliac arteries can result in some form of complica-

tion (injury of the arteries, misalignment of the stent-graft during deployment etc.) 

in up to 47% of patients whereas according to Clough et al. [93], up to 17% of all EVAR 

cases can result in significant problems. 

Clinical practice has shown that anatomy influences technical success, endo-

leak rate, migration, as well as the need for secondary procedures [116]. Despite the 

fact that in clinical routine quantitative measurements are rarely done [118], it is im-

portant to identify average values and extremes for tortuosity, angulation and cross 

sectional dimensions of AAAs so as to establish common and worst case topologies 

to be used in simulations for stent graft design. 

In this section, a series of measurements and statistical analyses are made 

based on a dataset of patients who underwent EVAR. All results presented derive 

from the investigation of these data. 

 

3.1.1 Introduction 
 

 A series of data provided by m2s, Inc. West Lebanon, NH, USA were used to 

examine a range of aortic characteristics (Fig. 3.2). CTA scans were originally collected 

during the "Vascutek Anaconda stent graft system phase II IDE study" in the period 

May 2009 to July 2011 in various sites in the United States and Canada. The data were 

supplied anonymised, with age and gender being the only descriptors of the patient. 

The subsequent analysis took place in m2s Preview v4.0.1 software. 

The study included 258 patients (222 (86%) men, 34 (13%) women and 2 (1%) 

unspecified) aged between 51 and 88 years old. It was a non-randomized, continuous 

enrolment study that included patients treated with the AnacondaTM stent graft. Pa-

tients provided their consent for the use of their data and the inclusion criteria for 

them were: 
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Fig. 3.2 3D reconstruction of the aortic geometry from 2D CT scans in the m2s Preview. The 

blood lumen (red), the calcified regions (white) and the thrombus (transparent yellow) are 

visible. The dot at the top left corner corresponds to the (0,0,0) point of the coordinate sys-

tem, used for all subsequent measurements. It is located at the posterior right corner of the 

1st axial CT scan.  

(0,0,0)  
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 Infrarenal AAA ≥ 4.0 cm in diameter, or AAA growth ≥ 1.0 cm/year 

 Iliac artery distal fixation sites ≥ 20 mm in length 

 Ability to preserve at least one internal iliac artery  

 Femoral/Iliac artery’s size and morphology should be compatible with the ap-

propriate delivery system (18F1, 20F or 23F)  

 

Pregnant patients, or patients with thrombus, calcification and/or plaque ≥ 2 

mm in thickness and/or 50% continuous coverage of the vessel’s circumference in 

the intended fixation site were excluded. Among the exclusion criteria were also an-

eurysms that extended above the renal arteries, significant (> 80%) renal artery ste-

nosis not readily treatable, previous AAA repairs and ruptured or leaking AAAs.  

 The follow up period of the study was 5 years but herein only pre-op data 

were used.  

 

3.1.2 Aortic angles 

 

 Despite the fact that the geometrical complexity of the aneurysmal site is 

highly influenced by the angles of the aorta, the renal arteries and the iliacs, docu-

mentation of them is extremely rare in the literature. In this section, the aim is to 

identify all major angles involved in an AAA so as to be able to describe and reproduce 

its shape. This capability will allow us to establish representative and worst case ge-

ometries of AAAs that can be an aid to stent graft design. The data produced herein 

can be used to characterize patient specific AAAs (e.g. as extreme, treatable, or treat-

able with a specific stent graft) or allow the creation of various computer-aided de-

sign (CAD) aortic models for virtual deployment and testing of endografts.  

Commonly used metrics of shape, such as tortuosity and angulation (usually 

referring to the most acute angle on a vascular path), can only provide a vague per-

ception of the aneurysm. This means that given the value of such a metric there is no 

                                                           
1 The French scale is commonly used to measuring catheters’ size. A round catheter of 1 French has 
an external diameter of 1⁄3 mm.  
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mechanism to recreate the AAA, while two completely different aneurysms may very 

well have the same metric value. Herein a set of 10 angles is proposed for the char-

acterization of the AAA’s geometry.  

In the traditional set-up, vascular angles are measured by trained clinicians; 

nevertheless, the amount of uncertainty that lies in such assessments is worth noting. 

Quite often, clinicians approximate the angles of arteries on 2D images with two 

straight lines that somehow follow the trajectory of the vessel (with questionable 

accuracy), while only sometimes specialized software is being used. No matter the 

strategy, variability between different observers as well as variation in the responses 

of the same observer at different times (interobserver and intraobserver variability 

respectively) is always present [114,120]. Although this challenge is inherent to the 

process of human measurement and cannot be totally eliminated, it is fair to assume 

that a 2-line definition of an angulated vessel on a 2D plane is particularly prone to 

errors, especially when the 3D angle is of interest (rather than its projection to the 

plane in use). For that, a different strategy has been developed herein that allows for 

a clearer angular definition. According to this process, the investigator needs only to 

recognize critical points in axial CT slices and an in-house algorithm built by the author 

is left to calculate the angles between those points. The same process has been iden-

tified to be used in specialized software as well (e.g. EndoSize®, Therenva SAS, 

France), yet only for a couple of angles. 

In more detail, following the centreline of the vascular tree (as defined by the 

algorithms of m2s Preview), 14 points were identified as critical to describe the AAA’s 

geometry (Fig. 3.3). After qualitatively studying a series of AAAs, these points were 

considered both strategic and adequate to “depict” the overall AAA shape. Points 

were manually selected on the CT scans for all patient datasets and their assigned 

coordinates were based on the inherent coordinate system of each scan set (see Fig. 

3.2). The points used are explained in Table 3.1.  

Although most of these points correspond to anatomic landmarks, because of 

the versatility of the arterial shape, some of them (P8, P11) relate to locations that 

characterize best each particular AAA. Note also that point P14, contrary to the rest,  
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Table 3.1 The 14 critical points used to describe the AAA’s geometry. 

P1 
At the centre of the aorta, a few centimetres above the renals, usually 

at the superior mesenteric region. 

P2 At the centre of the aorta, at the origin of the proximal renal artery.  

P3 
At the centre of the proximal renal artery, a few centimetres further 

from its origin (P2), at a suitable distance away from the junction.  

P4 At the centre of the aorta, at the origin of the distal renal artery. 

P5 
At the centre of the distal renal artery, a few centimetres further from 

its origin (P4), at a suitable distance away from the junction. 

P6 At the centre of the aorta, at the proximal end of the aneurysm.  

P7 At the centre of the aortic bifurcation.  

P8 
At the centre of the right common iliac artery, at the most acute curve 

point.  

P9 At the centre of the right femoral bifurcation.  

P10 
At the centre of the right external iliac artery, a few centimetres fur-

ther from the bifurcation. 

P11 
At the centre of the left common iliac artery, at the most acute curve 

point. 

P12 At the centre of the left femoral bifurcation. 

P13 
At the centre of the left external iliac artery, a few centimetres further 

from the bifurcation. 

P14 The midpoint between points P2 and P4. 

 

was not measured on the scans; instead it was calculated as an average of points P2 

and P4.  

Finally, using these 14 points, 10 angles were defined, able to describe the 

AAA (see Fig. 3.3 and Table 3.2). 
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Fig. 3.3 Schematic of the front view of an AAA. Frontal plane. 14 points are identified on the 

centreline of the aneurysm that allow the definition of 10 angles. Positive angles are illus-

trated with green. The left-right notation follows the patient’s perspective convention.  
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 Table 3.2 The 10 angles used to specify the AAA. 

φ1 from the triad of points (P1, P2, P3) 

φ2 from the triad of points (P1, P4, P5) 

φ3 from the triad of points (P1, P14, P6) 

φ4 from the triad of points (P14, P6, P7) 

φ5 from the triad of points (P6, P7, P8) 

φ6 from the triad of points (P7, P8, P9) 

φ7 from the triad of points (P8, P9, P10) 

φ8 from the triad of points (P6, P7, P11) 

φ9 from the triad of points P7, P11, P12) 

φ10 from the triad of points (P11, P12, P13) 

 

The advantage of this strategy lies at the ease of identifying the points of in-

terest on the CT scans. Rather than allowing the user to directly measure the angles, 

the observer is limited to measuring points; then, an automated Matlab algorithm 

(version R2015b, MathWorks) calculates the angles in space as well as the projections 

of these angles on 3 different planes (perpendicular to each other) that are commonly 

used in medical applications (i.e. the frontal, the sagittal and the transverse).  

Given the uniqueness of each AAA, it is meaningless to report the coordinates 

of the identified points. Instead, the angles for all patients in the study have been 

calculated and the median and range of them are documented. Note that in accord-

ance to the literature, when calculating the angles in space, angles are always ≤ 180o. 

The same is not true though for the projected angles. The projections of the angles 

on the frontal, sagittal and transverse planes may be > 180o; Fig. 3.3 – 3.6 help to 

define their positive direction. 

The results of the study are presented in Tables 3.3 – 3.6 where the median 

and range of all angles in their 3D and 2D manifestations are reported. For the readers 

interested in a more detailed overview, histograms of all angles are provided in Ap-

pendix A.  
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Fig. 3.4 Schematic of the right view of an AAA. Sagittal plane. Positive angles are illustrated 

with green. 
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Fig. 3.5 Schematic of the left view of an AAA. Sagittal plane. Positive angles are illustrated 

with green. 
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Fig. 3.6 Schematic of the top view of an AAA. Transverse plane. Positive angles are illustrated 

with green. 
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Table 3.3 The median and the range of all measured angles in 3D space. 

Angles in 3D space Median Range 

φ1 (deg) 106 31 – 165 

φ2 (deg) 98 26 – 155 

φ3 (deg) 159 68 – 179 

φ4 (deg) 120 31 – 177 

φ5 (deg) 115 31 – 173 

φ6 (deg) 136 60 – 180 

φ7 (deg) 134 45 – 178 

φ8 (deg) 100 35 – 156 

φ9 (deg) 149 47 – 178 

φ10 (deg) 134 31 – 175 

 

Table 3.4 The median and the range of the projected angles on the XZ-plane. 

Angles on the XZ-plane Median Range 

φ1 (deg) 107 26 – 180 

φ2 (deg) 105 23 – 163 

φ3 (deg) 178 54 – 293 

φ4 (deg) 168 61 – 339 

φ5 (deg) 121 23 – 212 

φ6 (deg) 190 79 – 336 

φ7 (deg) 168 22 – 238 

φ8 (deg) 115 32 – 313 

φ9 (deg) 179 10 – 330 

φ10 (deg) 180 25 – 270 
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Table 3.5 The median and the range of the projected angles on the YZ-plane. 

Angles on the YZ-plane Median Range 

φ1 (deg) 164 92 – 341 

φ2 (deg) 259 4 – 340 

φ3 (deg) 174 112 – 231 

φ4 (deg) 224 129 – 305 

φ5 (deg) 225 100 – 302 

φ6 (deg) 201 88 – 338 

φ7 (deg) 143 13 – 360 

φ8 (deg) 246 130 – 310 

φ9 (deg) 175 9 – 310 

φ10 (deg) 120 1 – 357 

 

Table 3.6 The median and the range of the projected angles on the XY-plane. 

Angles on the XY-plane Median Range 

φ1 (deg) 147 66 – 350 

φ2 (deg) 209 6 – 296 

φ3 (deg) 192 125 – 309 

φ4 (deg) 242 3 – 358 

φ5 (deg) 143 1 – 357 

φ6 (deg) 140 21 – 240 

φ7 (deg) 210 5 – 331 

φ8 (deg) 260 0 – 359 

φ9 (deg) 174 33 – 327 

φ10 (deg) 139 45 – 341 
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With the exception of a few variables (φ1, φ2, φ4, φ8, in 3D space and φ4 in YZ 

plane as well as φ6 in XY plane), no angles were found to follow the normal distribu-

tion according to the Shapiro-Wilk test. As will be evident in the following sections, 

this was true for all other variables of the analysis as well. It was this observation that 

lead to the decision to study the medians instead of the means of each variable for a 

more representative quantification since medians are resistant to outliers, meaning 

that are not easily affected by them.  

 From a clinical perspective, not all variables are equally significant for EVAR. 

Angles φ1 and φ2 relate to the renals and become relevant only when the aneurysmal 

neck is too short and a fenestrated endograft needs to be used. On the contrary, an-

gles φ3 and φ4 are always important since greater neck angulation increases endoleak 

flow [121]. Li et al. [82] suggest that when the aortic neck (herein φ3) is lower than 

145o, devices with high fixation forces should be used. They also mention that the 

anterior-posterior neck angle (φ3
 on the YZ-plane) influences the migration force of 

the stent graft significantly.  

Both the Clinical Practice Guidelines for EVAR by the Society of Interventional 

Radiology [115] and Elliot et al. [116] have created a 4-scale scoring system to de-

scribe the severity of an aneurysm. The variables that were taken into account were 

dimensional, angular and clinical (presence of thrombus, disease etc.), and the com-

mon variables between their study and the current one are examined. In these stud-

ies, grade 0 was assigned to an optimal value of the variable in question, grade 1 to a 

mild one, grade 2 to a moderate and grade 3 to a severe. Table 3.7 presents the re-

sults of the neck angles in accordance to their grading system.  

The lower angles studied (i.e angles φ5 – φ10) refer to the iliac arteries and are 

critical for the successful delivery of the endograft. If too acute, the physician will 

perform open aortic surgery instead of EVAR. Yet, usually these angulations are only 

qualitatively examined. Through the current study, extreme values have been identi-

fied (see for example the very challenging values of φ5 and φ8 in the XZ-plane) and 

can serve as worst case scenarios for manufacturers.  
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Table 3.7 Percentages of patients with optimal, mild, moderate and severe neck angulation. 

The patients refer to the analysis carried herein while the criteria to the ones developed in 

[115,116]. 

Variable Grade Criteria (deg) % of patients 

Aortic Neck Angle, 

correlating to φ3 

0 φ3 ≥ 150° 81.7 

1 135° ≤ φ3 < 150° 18.3 

2 120° ≤ φ3 < 135° 8.1 

3 φ3 < 120° 5.1 

Aortic Neck Angle, 

correlating to φ4 

0 φ4 ≥ 150° 11.7 

1 135° ≤ φ4 < 150° 16.7 

2 120° ≤ φ4 < 135° 21.8 

3 φ4 < 120° 49.8 

 

 

Because tortuosity at the aneurysmal region is very rare [122], no points in 

the aneurysmal sac were considered. Furthermore, even if the aneurysm does exhibit 

such an angle, the endograft is unlikely to follow it, making it, therefore, irrelevant 

for the current study.  

Ideally, the existence of an equivalent set of angle values corresponding to 

the healthy population would serve as reference for the reported results. Moreover, 

it would allow a more holistic view of the pathology and its effect on the aorta. Un-

fortunately, though, no such data could be identified in the literature. In future, a 

comparison between the healthy and the aneurysmal aortic shape should be con-

ducted and possibly shed light into the development of the disease. 

 Finally, utilizing the current analysis, a patient’s aortic shape could be con-

cisely reported as a 1x10 matrix 𝜱: 

  

𝜱 = (φ1, φ2, φ3, φ4, φ5, φ6, φ7, φ8, φ9, φ10)   (3.1) 

 

in clinical practice, using 3D space angle values. Similarly, a 3x10 matrix that reports 

the projections of these angles in 3 planes could be used to describe the aortic tree 

shape for CAD modelling in bioengineering applications.  



64 
 

 These angles are a major extension to the angle set commonly used. Both in 

literature and specialized software attention is given to the neck angles alone, herein 

called φ3 and φ4. By mapping the entire AAA region though, a unique insight into the 

pathology has been achieved. Stent graft manufacturers could use the angle defini-

tions and results presented to build AAA case studies identifying the operating range 

of their endografts. Subsequently, surgeons could perform measurements on patient 

CT scans and decide which EVAR device could tackle best a specific geometry accord-

ing to the guidelines of each manufacturer. It is highly hoped that the approach and 

results of this section will be utilized in the clinical practice.  

 

3.1.3 Aortic dimensions 

 

 Contrary to the angles present in an aneurysm, many dimensions of the an-

eurysmal site are documented prior to EVAR, hence are easier to find in the literature. 

Herein, 9 dimensional variables were considered per patient. The measurement of 

these variables, opposite to the ones presented already, were conducted by trained 

technicians of m2s Preview as part of the initial clinical investigation "Vascutek Ana-

conda stent graft system phase II IDE study". As a result, the analysis presented in 

this section is based upon the raw data provided by m2s (9 variables x 258 patients).  

 To address possible limitations of the study, deriving from the fact that differ-

ent people were involved in the previous measurements (angles) and the current 

ones (dimensions), several CT cases were examined and it was ascertained that the 

author can reproduce the dimensional measurements provided, in the accuracy level 

established by m2s (see below).  

 It should also be noted that a few missing values were present in the original 

dataset due to limitations in the CT scan images; these values were not included in 

the analysis. The examined variables are reported in Table 3.8 (note that centreline 

distance refers to the length between two points, measured on the centreline curve 

(Fig. 3.7)). 
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Table 3.8 The dimensional variables examined in the AAA geometry. 

Average Neck  

Diameter 

The mean value of two neck diameters, one at the 

distal renal artery (P4) and one at the most distal ex-

tent of the proximal neck (P6). 

Neck Length 
Centreline distance of the proximal aortic neck 

(length between points P4 and P6). 

Max Diameter Maximum diameter of the aneurysmal sac. 

Distal Diameter 

Diameter of the minimum cross section of the aorta 

below the aneurysm and above the aortic bifurcation 

(around P7). 

Renal to Bi Length 
Centreline length from most distal renal artery (P4) to 

the aortic bifurcation (P7). 

Volume 

Volume of contents of AAA (calculated from the axial 

slices), from distal renal artery (P4) to the aortic bifur-

cation (P7). 

Average Tortuosity 

Index 

Tortuosity index 𝑇 is defined as 𝑇 =
𝐿1

𝐿2
 with 𝐿1 being 

the distance along the centreline between 2 points 

and 𝐿2 being the straight-line distance between these 

points. Herein, the mean value of two tortuosity in-

dexes is calculated, one between the lowest renal ar-

tery (P4) and the right femoral bifurcation (P9) and 

one between the lowest renal artery (P4) and the 

right femoral bifurcation (P12). 

Right Iliac Landing 

Diameter 

The average diameter of the right iliac artery (section 

of interest: from the aortic bifurcation (P7) to the 

right femoral bifurcation (P9)). 

Left Iliac Landing  

Diameter 

The average diameter of the left iliac artery (section 

of interest: from the aortic bifurcation (P7) to the left 

femoral bifurcation (P12)).  
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Fig. 3.7 Schematic of the frontal view of an AAA. 5 points are identified on the centreline of 

the aneurysm (dotted line). The maximum diameter is also identified (black line).  
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All diameters were measured on CT slices orthogonal to the centreline of the 

vessel and were calculated to the intima (i.e. diameter of the lumen). It should also 

be noted that diameters have an accuracy of ±1 mm apart from the maximum one 

(±1.5 mm). The neck length has an accuracy of ±1.5 mm and the renal to Bi length 

±2.5 mm. Finally, the volume is expressed in a 5% maximum range error. These values 

represent the acceptance criteria for each measurement, yet it is commonly found 

that the inter-measurer variability for qualified measurers is routinely less than half 

of that.  

The median and range of all dimensional variables examined is reported in 

Table 3.9. Yet, for the readers interested in a more detailed overview, histograms of 

all variables are provided in Appendix A.  

No dimensional variable follows a normal distribution according to the 

Shapiro-Wilk test. Frank et al. [122] reported a similar finding when examining the 

maximum AAA diameter.  

AAA size is usually established by the use of ultrasound at the anteroposterior 

direction [2]. It has been identified, though, that the technique used to acquire the 

maximal AAA diameter affects the measurements considerably, with CT providing 

significantly and consistently larger diameters than ultrasound does [123]. Herein, 

the aortic aneurysm’s maximum diameter was measured on CTs as the maximum di-

ameter of the lumen. Nevertheless, the maximum external diameter in any direction, 

the maximum length of the shorter axis and the average of the anteroposterior and 

lateral diameters have also been used as valid metrics [122]. 

Regarding the rest of the variables, distal diameter is usually non-important 

since, even in the absence of a distal aortic neck, EVAR can be performed. The iliacs, 

however, are required to have a minimum diameter of usually 7 mm for the delivery 

of the endograft [115], a requirement that herein is fulfilled since all of the examined 

patients underwent EVAR. Finally, similar to Table 3.7, Table 3.10 presents the results 

of the overlapping variables between the current analysis and the studies [115,116]. 
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Table 3.9 The median and the range of dimensional variables. 

Variable Median Range 

Average Neck Diameter (mm) 23.1 16.8 – 34.2 

Neck Length (mm) 22.0 2.0 – 50.0 

Max Diameter (mm) 52.0 40.3 – 86.5 

Distal Diameter (mm) 18.0 10.5 – 46.5 

Renal to Bi Length (mm) 123.9 93.4 – 181.1 

Volume ±5% (cm-3) 127.0 54.1 – 454.6 

Average Tortuosity Index 1.22 1.07 – 1.65 

Right Iliac Landing Diameter (mm) 13.5 7.6 – 28.7 

Left Iliac Landing Diameter (mm) 13.0 6.7 – 36.1 

 

Table 3.10 Percentages of patients with optimal, mild, moderate and severe neck dimen-

sions. The patients refer to the analysis carried herein and the criteria to the ones developed 

in [115,116].  

Variable Grade Criteria (mm) % of patients 

Average Neck Diameter 

(AND) 

0 AND ≤ 24 60.1 

1 24 < AND ≤ 26 17.8 

2 26 < AND ≤ 28 15.1 

3 AND > 28 7 

Neck Length 

(NL) 

0 NL ≥ 25 44.2 

1 15 ≤ NL < 25 24.8 

2 10 ≤ NL < 15 11.2 

3 NL < 10 19.8 

 

3.1.4 Proximal neck cross section 

 

As mentioned in Chapter 2, the main reasons for EVAR failure are stent mi-

gration, endoleaks and stent mechanical failure. For all these to be thoroughly exam-

ined with FEA though, the interaction between the vessel and the proximal section 

of the stent has to be understood in depth. Towards this end, in this section, the 
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common idealization of the circular cross-section of the aorta is questioned and 

closely investigated.  

Although evidence can be found in the literature for the non-circularity of the 

aorta [20,29,124], to the authors’ knowledge, no thorough investigation has been 

conducted to quantify either the cross-sectional shape variations of the human ab-

dominal aorta (examined herein) or its effects on stent graft deployment (examined 

in Section 4.4).  

 Similarly to the previous section, measurements are once again conducted at 

a plane perpendicular to the centreline. The importance of such a tactic derives from 

the fact that the original (axial) scans are not necessarily transverse to the axis of the 

vessel. This can make cross sections appear non-circular or asymmetric even if they 

are not, and tortuosity can very often enhance such effects.  

Nevertheless, axial scans are sometimes used in clinical practice [125]. In such 

cases the smallest measurement of the luminal diameter is considered an appropri-

ate approximation of the true vascular diameter [114,126]. Yet the errors introduced 

with this approximation are not minimal. It has been shown that the use of axial scans 

leads to statistically significant overestimations of the aneurysmal size when com-

pared to scans transverse to the lumen [127]. Furthermore, the identification of true 

asymmetries is important. A study showed that AAAs with a significantly asymmetric 

cross section of the aneurysmal sac are more prone to rupture [126]. Herein, the neck 

section of the aneurysm is examined because of its importance to the endograft.  

 As has been mentioned already, the effect of ILT on the AAA is controversial. 

Similarly, calcification’s effect on AAA’s stresses has been a topic of debate. The rup-

ture risk of an aortic aneurysm has been hypothesised to both increase in the pres-

ence of calcification because the pathology acts as a stress concentrator [128] and 

decrease since calcification exhibits load-bearing capabilities [129]. For these reasons 

and because the irregularity of ILT and calcification is vast and random, as well as 

because deployed stents crush ILT and part of the calcified layer, thrombus and cal-

cification were not included in the analysis.  
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 For all patients, 2 cross sections perpendicular to the centreline were ac-

quired, one at the proximal and one at the distal end of the AAA’s neck (Fig. 3.8). For 

each one of them, a boundary that included the lumen, the calcified as well as the 

thrombotic region was manually drawn. This allowed the definition of the intima 

wall’s inner border. The images of these borders alone were then manipulated with 

a Matlab script, turned into binary format and filled to create a 1-colour 2D surface. 

In each final surface two metrics were applied to quantify their divergence from cir-

cularity.  

The first metric used was the circularity factor (𝐶𝐹, mentioned further on as 

circularity), defined as: 

𝐶𝐹 = 4𝜋
𝐴

𝑃2
   (3.2) 

where 𝐴 = area and 𝑃 = perimeter of the examined surface. This metric is affected by 

ovality as well as irregular (i.e. jagged or rough) edges and for a circle gets a maximum 

value of 1. 

 The second metric was the elliptical ratio (𝐸𝑅, mentioned further on as ellip-

ticity) and for the calculation of it, as a first step, the evaluation of an ellipse equiva-

lent to the examined surface was necessary. For the calculation of it, an ellipse with 

the same second moment of area as the original shape was constructed. Given the 

ellipse, ellipticity is defined as:  

𝐸𝑅 =
𝑅1

𝑅2
   (3.3) 

where 𝑅1= semi-minor axis of the ellipse and 𝑅2= semi-major axis of the ellipse (Fig. 

3.8 c2). 

 By averaging the values of each metric for the proximal and the distal cross 

section, average circularity and average ellipticity can be acquired to represent each 

AAA neck. The analysis was conducted in Matlab and the results are summarised in 

Table 3.11 while histograms are provided in Appendix A. Note that since both these 

metrics have an upper limit of 1, they do not follow a normal distribution either. 
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Fig. 3.8 The proximal (left column) and the distal (right column) cross section of a patient’s 

AAA neck. For every image (a) an intima wall border was manually drawn (b) before turned 

into a binary image (c). Figure (c2) shows the distal cross section of a patient with the equiv-

alent ellipse superimposed on top of it. 𝑅1 and 𝑅2 are the major and minor axes of the ellipse 

respectively.   
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Table 3.11 The median and extreme values of the metrics quantifying the shape of the AAA’s 

neck. The first two rows result from the averaging of the cross sections while the bottom two 

refer to any cross section of the dataset. 

Variable Median Min Max 

Average Circularity 0.996 0.975 1.004 

Average Ellipticity 0.940 0.829 0.992 

Circularity _ 0.970 1.005 

Ellipticity _ 0.765 0.999 

 

 

 Table 3.11 demonstrates a case were circularity was greater than 1. This is a 

computational error, produced by the representation of a circle by pixels. The error 

is small, yet it implies that only 2-decimal spaces should be used for that metric.  

In general, circularity is high, suggesting the smoothness of the intima. And 

while the median average ellipticity is also high (closely resembling a circle), in in-

stances, ellipticity can get as low as 0.765. This highlights the need for special atten-

tion when designing and modelling stent grafts, since this is the region of sealing. The 

effect of such a cross section on the deployment of an endograft will be examined in 

Section 4.4. For now, Fig. 3.9 offers a visualization of the ellipticity values acquired. 

 

 

Fig. 3.9 Visualization of ellipticity results. 
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3.1.5 Secondary statistical analysis 

 

The conducted study was not primarily designed to identify correlations and 

differences of medians between various subgroups of patients. Nevertheless, further 

statistical analysis has been performed (with the use of SPSS, version 25) in the belief 

that the sample of patients, since it was created via a continuous enrolment study, is 

representative of the patients currently treated with EVAR.  

 The first proposition to be tested was the lateral and anterior-posterior sym-

metry of the AAA. In general, AAAs appear to be significantly asymmetric and herein, 

the medians of the pairs of angles φ1 – φ2, φ5 – φ8, φ6 – φ9, φ7 – φ10 were compared. 

The analysis showed that only φ7 – φ10 in 3D space, and φ1 – φ2 and φ5 – φ8 on the 

XZ-plane have statistically insignificant differences. For all other angles and angle pro-

jections, the left side of the AAA was different to the right one. This should not come 

as a surprise. As Li et al. [82] mentions: 

 

Some AAAs become anterior-posterior asymmetric because of the vertebra 

support. However, as aneurysms get larger, they get longer and therefore 

must be compensated with angulation because they are fixed in the renal and 

femoral regions. The neck is usually angled to the left, but not always. As a 

result, the AAA becomes laterally asymmetric. 

 

Herein, φ4 on the YZ-plane has a median of 224o, showing a greater anterior expan-

sion, as mentioned by other researchers in the past [2]. On the XZ-plane, φ3 and φ4 

have medians < 180o creating a slight, general trend of neck angulation to the right.  

 Correlations of the angles in 3D space were also examined with a 2-tailed 

Pearson correlation test and a few angles appeared to have weak linear correlations 

with coefficients ranging between 0.1 and 0.3 at the 0.01 significance level. The only 

pair with a moderate correlation was φ1 – φ2 with a correlation value of 0.542, sug-

gesting that when the angle of one renal increases, the angle of the other will have a 

tendency to increase as well. From an AAA design perspective, the lack of strong cor-

relation between angles suggest that an investigator is free to construct any extreme 
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aortic geometry case study with the values provided in Tables 3.3 – 3.6 in a mix and 

match manner. This strategy can have a powerful effect in EVAR stent graft designing.  

 Subsequently, a series of correlations were tested for the dimensional varia-

bles of the study. Moderate correlations emerged between the pairs Volume – Aver-

age Tortuosity Index (coefficient ρ=0.299), Age – Average Tortuosity Index (coeffi-

cient ρ=0.399), Volume – Aneurysmal Length (coefficient ρ=0.590) and Right Iliac 

Landing Diameter – Left Iliac Landing Diameter (coefficient ρ=0.612). Finally, the var-

iables Volume – Maximum Diameter were strongly correlated (coefficient ρ=0.814). 

All comparisons were conducted with 2-tailed Pearson correlation tests at the 0.01 

significance level.  

Wolf et al. [117] have also reported a positive correlation of age and tortuosity 

and an absence of connection between age and size of the aneurysmal sac. In their 

study, though, the size of the aneurysm was also unrelated to tortuosity, a result that 

is not confirmed herein. A similar disagreement is raised with results of Bayle et al. 

[46] who reported that the bigger the diameter of the aneurysm, the shorter the an-

eurysmal neck length becomes. No such correlation was observed herein. Both stud-

ies, though, had significantly less patients enrolled (75 and 86 respectively). 

The effect of gender was also examined. Neck length was statistically signifi-

cantly bigger in males (23.0 mm vs 16.0 mm for females) as well as the average neck 

diameter (23.5 mm vs 21.25 mm). The same was also true for the right iliac landing 

diameter (13.5 mm vs 11.5 mm) and the left one (13.2 mm vs 11.5 mm). The larger 

diameters present in the male aorta are expected. Furthermore, the absence of cor-

relation between shape metrics (like tortuosity) and gender has been documented in 

the literature [117]. Regarding the angles in 3D space, φ2 appeared different between 

the genders (99o vs 88o
 for males and females respectively), similarly to φ4 (119o vs 

109o) and φ6 (132o vs 145o). All the reported values are medians and the significance 

level of the non-parametric test was 0.05.  

For the cross sectional study, average circularity and average ellipticity were 

compared to each other. The metrics had a Pearson’s correlation value of 0.684, sug-

gesting that the shape factors are producing similar values to each other and hence 
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no significantly rough boundaries are present in the intima. More interestingly, nei-

ther of the two metrics correlated to any of the dimensional variables and only circu-

larity presented a weak correlation of 0.161 with φ3 in 3D space. Unfortunately, this 

means that separate attention needs to be taken for the cross sectional geometry of 

the aortic neck in a case by case manner.  

When comparing the values of the metrics on the two planes of the cross sec-

tion of the aortic neck (i.e. the relation between the proximal and the distal cross 

section), only a weak correlation appears (ρ=0.237 for circularity and ρ=0.206 for el-

lipticity). Nevertheless, according to the Mann-Whitney U test, the medians of both 

variables are equal for the two planes. As a consequence, the study of only one cross 

section in the aortic neck’s region can provide a reasonable estimate of the cross sec-

tion of the neck, yet, two cross sections can add more information and are suggested 

if possible.  

 As a last remark, it should be noted that CTA scans cannot provide credible 

information regarding the thickness of the vascular wall; that being the reason this 

variable was not examined herein. Despite that, its significance has been mentioned 

in the literature with Romo et al. [130] suggesting that the location of rupture can 

coincides with the thinnest vascular region. Moreover, wall thickness is known to vary 

significantly on any given AAA with wall remodelling being an important reason for it 

[58]. Nevertheless, no correlation between wall thickness and AAA size has been 

found [131] and reported thickness values can be as low as 0.23 mm at the rupture 

site and as high as 4.26 mm at the calcified regions of the aneurysm [132]. 

Closing this section, it is important to highlight that the CT scans obtained for 

this study reflect a specific group of AAA patients, i.e. those who undergo EVAR. As a 

result, the conclusions drawn should be generalized to the general AAA population 

with caution. As has been already mentioned, AAA incidents are four to six times 

more frequent in men than in women. In the present study, the number of male pa-

tients was 6.5 times greater than the number of females, implying that males might 

have been slightly overrepresented. Having said that, the amount of variables exam-
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ined and the extent of statistical analysis performed is believed to improve the un-

derstanding of the geometry of the AAA anatomy and bring new insight to the topic. 

The framework built for the angular characterization of the aneurysmal aorta along 

with the demonstration that the AAA angles do not, in general, correlate with each 

other, allows endograft investigators and manufacturers to create representative and 

worst case geometries for virtual stent graft deployments. The same is true for the 

cross section study of the AAA neck. All further dimensional analysis assists towards 

that end too. To the author’s knowledge, this is the most extensive geometrical study 

of the AAA shape. 

 

3.2 FEA Vessel Modelling 

 

 Further to the intricacies of the geometrical shape of the AAA, the material of 

the aorta is no less complex. The highly sophisticated mechanical behaviour of the 

abdominal aorta has been studied for over a century. Yet, the anisotropic and visco-

elastic nature of this vessel has posed major difficulties to researchers who tried to 

model it. Herein, many of these challenges are discussed and the creation of a mate-

rial model that simulates the Pressure-Radius response of the aorta is presented. 

 

3.2.1 The mechanics of the abdominal aorta  

 

 Elastic arteries are the largest arteries in the body, they are located close to 

the heart and have a large number of collagen and elastin filaments. Instead of 

merely providing a conduit for the blood though, elastic arteries are themselves sig-

nificantly affected by the bloodstream, changing their shape in every pulse and thus 

creating a complicated fluid/wall interaction system.  

Although the material characterization of arteries is still a topic of research, 

the mechanical exploration of them is more than a century old. In 1881, Roy [133] 

performed a series of tests on cow, sheep and human aortic samples to find, among 

other things, that arteries display a thermoelastic and viscoelastic behaviour, they are 
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anisotropic and heterogeneous and they change properties according to location, dis-

ease and post-mortem time. Since then, an abundance of studies has confirmed his 

findings and closely investigated the characteristics of these behaviours for different 

sections of the human vascular tree. 

As with all elastic arteries, the mechanical behaviour of the aorta is highly 

complex. The three-layered structure, described in Section 2.1, is still under investi-

gation but it has been shown that when separated, the aortic layers have different 

mechanical responses [134].  As a whole, though, this structure allows for the artery 

to be distensible and assist blood propagation while smoothening its flow. Thanks to 

the Windkessel effect, the aorta stores an excess of blood during the systolic phase 

of the heart cycle and during the diastolic phase turns this stored dynamic energy 

into kinetic, pushing the extra blood forward, aiding through this mechanism the 

damping of pulsation (Fig. 3.10 a).  

Moreover, the aorta is pre-stretched in both the axial and the circumferential 

direction and will retract upon excision and open wide upon axial cutting (Fig. 3.10 

b). Axial pre-stretch enables the artery to transmit the pulse pressure without signif-

icantly varying its length [135], whereas circumferential pre-stretch has shown to 

transfer the peak wall stresses to the exterior of the aorta [136].  

systole diastole 

(a)                (b) 

Fig. 3.10 The vessel demonstrates the Windkessel effect (a). Furthermore, if cut longitudinally 

and circumferentially, it retracts and opens, because of pre-strains built into the structure 

(b). 

cut 
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The mechanical characteristics of the aorta depend on age, gender and health 

condition. Axial pre-stretch of the abdominal aorta is reduced with age [135,137] and 

this correlation is so strong that it has been utilized as a metric for forensic applica-

tions when the identity of a cadaver is unknown and estimation of its age is needed 

[138]. Also correlated to the increase of age is the enlargement of the diameter of 

the artery and the increase of stiffness. 

Furthermore, health conditions alter the mechanics of the aorta which, nev-

ertheless, can remodel itself through elastin reduction and collagen production [139]. 

Geest  et al. [140] used biaxial tests to show that abdominal aortic aneurysmal tissue 

is stiffer than the healthy one and Pierce et al. [141], via histological analysis, ob-

served a reduction in the amount of elastic fibres and smooth muscle cells and an 

increase of collagen fibres in AAA samples.  

Despite the common assumption of incompressibility, arteries are, in fact, 

compressible [142]. Although accurate estimation of the compressibility ratio might 

be difficult, Yosibash et al. [143] analysed 10 porcine arteries and calculated a com-

pressibility ratio of 2-6% when pressurising vessels from 50 up to 200 mmHg. Further-

more, the aortic wall is also susceptible to pre-conditioning [144] and exhibits hyste-

resis as well as the Mullins effect [145].  

All of the above lead to a very complicated mechanical structure, yet too often 

in the literature, isotropic, homogeneous and/or 1-layered models are adopted fa-

vouring simplicity and ease of application over fidelity.  

 

3.2.2 Overview of aortic models 

  

The mathematical representation of the mechanical behaviour of the aortic 

wall has challenged researchers for decades. One of the earliest and most influential 

work was conducted by Fung [146] who studied the mesentery of rabbits and identi-

fied an exponential relationship between the Young’s modulus and strain which in 

turn led him to propose an exponential form of the strain energy density function 𝑈. 

This has been generalized into 𝑈 = 𝑐(𝑒𝑄(𝐸) − 1) with 𝑄 being a polynomial equation 
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and 𝐸 the Green strain. A few years later, Vaishnav et al. [147] examined the canine 

aorta and suggested the use of polynomial functions for the description of the stain 

energy function, while Hoppmann and Wan [148] used the first and second invariant 

of the right Cauchy-Green deformation tensor to formulate the equation.  

These studies, along with most early analyses, assumed the aorta to be iso-

tropic. Despite the fact that the anisotropy of the aorta was known, isotropic models 

were popular because of their simplicity. Moreover, they were based on either uni-

axial or pressure-diameter experiments which could provide no insight into anisot-

ropy, hence allowing for good data-model agreement [1].  

Many of the early analyses also used simplified models of the theory of line-

arized elasticity to describe AAAs [149], yet this practice has been drastically reduced. 

Despite the fact that the aneurysmal aorta exhibits 50% reduction in the yield and 

ultimate strength compared to the healthy one [79], aneurysmal tissue can still un-

dertake significant strains. He & Roach [150] reported those strains to be between 

10%-20% while Raghavan et al. [79] measured them in the range of 20-40% prior to 

failure, highlighting the necessity of using hyperelastic constitutive models. 

In an effort to create a finite strain constitutive model for AAAs, Raghavan et 

al. [79] examined 61 specimens of AAA patients in both the longitudinal and the cir-

cumferential direction which reanalysed a few years later [149] to fit the strain en-

ergy function: 

𝑈 = 𝛼(𝐼𝐵 − 3) + 𝛽(𝐼𝐵 − 3)2   (3.4) 

with 𝐼𝐵 being the first invariant of the the left Cauchy-Green tensor. They concluded 

that the use of population mean values for the material parameters 𝛼 and 𝛽 (17.4±1.5 

Ν/cm2 and 188.1±37.2 Ν/cm2 respectively) can be used with reasonable sufficiency 

to any individual, minimizing the need for patient-specific data. The ages of the pop-

ulations from which they extracted their specimens, though, were 69±2 and 76±2 

years (for the longitudinal and the circumferential direction respectively) reducing 

the confidence of the results due to the small age range. 

An interesting finding of Vande Geest et al. [151] on the topic, was that the 

mechanical response of young specimens was fitted best using a polynomial function 
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while older specimens were fitted best by exponential ones, highlighting the different 

response very young compared to older specimens exhibit.  

In 2000 Holzapfel, Gasser and Ogden [152] proposed a histological rather than 

a phenomenological model which took into account the structure of the aortic wall. 

The model, commonly referred to as HGO, tried to incorporate the complex structure 

of the vessel described in Chapter 2 and quickly became popular, especially due to its 

implementation into commercially available FEA software.   

The strain energy potential Abaqus uses for the HGO model is based on 

[152,153]. In more detail, the model assumes that each arterial layer can be ex-

pressed as a fibre-reinforced composite with an isotropic ground matrix and two fam-

ilies of collagen fibres embedded into it. Starting with the deformation gradient 𝐹 

and the local volume ratio 𝐽 (𝐽(𝑋) = 𝑑𝑒𝑡𝐹(𝑋) = 𝜆1𝜆2𝜆3), the following decomposi-

tion is proposed 

𝐹 = (𝐽1/3𝐼)�̅�   (3.5) 

splitting 𝐹 into a purely dilatational part (𝐽1/3𝐼) and a distortional one (�̅�). Based on 

that and after a series of calculations, the strain energy potential is described as: 

 𝑈 =
1

𝐷
(
(𝐽𝑒𝑙)2 − 1

2
− 𝑙𝑛𝐽𝑒𝑙) +

𝑐

2
(𝐼1̅ − 3) +

𝑘1

2𝑘2
∑{𝑒𝑘2⟨�̅�𝑎⟩2 − 1}

𝑁

𝑎=1

   (3.6) 

where the first two terms refer to the isotropic ground matrix (the first one repre-

sents its dilatational contribution and the second one its distortional one) and the 

third term corresponds to the (distortional) contribution of collagen fibres. Although 

not all variables will be discussed, it is useful to mention that �̅�𝑎 serves as a measure 

of strain of the fibres and in its definition uses 𝜅, the normalized dispersion parame-

ter of the fibres (𝜅=0 corresponds to perfect fibre alignment while 𝜅=1/3 corresponds 

to random distribution so the material then becomes isotropic – for fibre visualization 

refer to Fig. 2.1 b) and c, 𝑘1, 𝑘2, 𝐷 are temperature-dependent material parameters 

that should ideally be specified separately for each one of the 3 aortic layers.  

Despite the knowledge that the arterial wall is a layered structure, the short-

age of experimental data leads researchers to use a homogeneous, 1-layer model 
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(e.g. [154] for an HGO model). Adding to the difficulty of implementing the HGO 

model, the dispersion of its material parameters in the literature is vast: 

 

- 𝑐 value varies from 7.64·10-3 MPa [153] to 2.02·102 MPa [154] 

- 𝑘1 varies from 9.97·10-4 GPa [153] to 4.07 GPa [154] 

- 𝑘2 varies from 107.1 [154] to 524.6 [153] 

- 𝜅 varies from 0.16 [154] to 0.226 [153] 

 

Although Gasser’s study [153] refers to the Iliac artery while Haskett’s [154] to the 

abdominal aorta, the difference in the order of magnitude is indicative of the scatter-

ing of values reported. 

HGO has also been shown to be too sensitive to Poisson’s ratio. Arteries are 

slightly compressible; however, acquiring the true value of 𝜈 with great accuracy is 

almost impossible and small changes in it (from 0.475 to 0.5) seem to drastically af-

fect stress [155]. At the same time, the data for the HGO model are taken from uni-

axial and biaxial tests which cannot take into account residual stresses and strains; 

thus, the resulting state of the tissue will suffer from inaccuracies [156].  

 In 2013 Annaidh et al. [155] suggested that the initial decoupling of the HGO 

strain energy function is wrong since the dilatational component of the strain energy 

function cannot take into account the anisotropy of volumetric deformations. 

In response to that, Vergori et al. [157], mentions that indeed, decoupling the 

strain energy function of a nonlinear hyperelastic anisotropic material into a dilata-

tional and a distortional part leads to an unphysical response at low strains (where 

the isotropic nature of the material prevails), however, physiological deformations 

will be acquired at higher strains. According to HGO theory, a sphere when hydro-

statically compressed will deform into a sphere, an expected result since fibres (ac-

cording to the model’s assumption) do not hold compressive loads and hence, their 

anisotropic contribution disappears. On the contrary, when an orthotropic sphere of 

the HGO material is homogeneously dilated, theory unnaturally suggests an initial 
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spherical dilatation until the expected ellipsoid response comes into play at higher 

strains due to the presence of fibres.  

Despite that, and despite all the advancements in the theory of HGO, the ini-

tial model in which finite codes like Abaqus are based upon [153] is found to produce 

unphysical results not only at low but at high strains too, since the unnatural spherical 

dilatation is present even at the finite deformation regime [155,157].  

 On a similar note, Gilchrist et al. [158] used the additive decomposition of the 

strain-energy function into a dilatational and a distortional part to examine a 

Mooney-Rivlin strain-energy function of a transversely isotropic material (introduced 

by Weiss et al. (1996)) under hydrostatic tension, and found that finite element codes 

predict the same unnatural responses. Moreover, they showed that the decoupling 

proposed by Merodio and Ogden [159], where strain-energy function is split into an 

isotropic and an anisotropic part, proves to be equally problematic. 

 Based on Gilchrist et al. [158], Pierrat et al. [160] wrote user defined Abaqus 

subroutines to implement a new material model. This work seems very promising and 

manages to capture the behaviour of slightly compressible materials under both hy-

drostatic tension and compression; nevertheless, the identification of new constitu-

tive parameters is needed before the accurate use of it. 

 The constitutive modelling and FEA implementation of the aorta (both aneu-

rysmal and healthy) is a rapidly developing research area. Unfortunately though, 

many problems still remain. A 2018 study [142] examined analytically and experimen-

tally three popular incompressible constitutive models (exponential, angular integra-

tion exponential and angular integration piecewise) and concluded that all three are 

unreliable in predicting Poisson's effects. At finite strain, Poisson ratio is non-con-

stant; as a result, investigators defined it through logarithmic strains: 

 𝜈𝑖𝑗 =
𝑙𝑛𝜆𝑗

𝑙𝑛𝜆𝑖
    (3.7) 

and they calculated that the theoretical models could predict unrealistic Poisson’s 

ratios (even with negative values), something not supported by experimental obser-

vation.  
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 Because of all these challenges and uncertainties, researchers still use quite 

often simplified arterial models when simulating stent grafts. Table 3.12 offers a col-

lection of vascular models used in the literature when stenting procedures are simu-

lated.  Note that some of these analyses assumed a 1-layer and others a 3-layer vas-

cular wall.  

 

Table 3.12 Indicative vessel models used in literature while simulating stenting procedures. 

Paper Location Constitutive Model Number of Layers 

[81] aorta 2nd order polynomial 1 

[161] coronary artery Mooney-Rivlin 1 

[83] coronary artery Mooney-Rivlin 1 

[162] coronary artery 6th order polynomial 3 

[90] coronary artery HGO 3 

[92] cerebral vessel 2nd order polynomial 1 

[84] coronary artery 6th order polynomial 1 

[163] coronary artery 6th order polynomial 3 

[164] aorta Mooney-Rivlin 3 

[165] aorta linearized HGO 1 

[166] iliac artery Mooney-Rivlin 1 
 

 

3.2.3 Acquiring P-R data 

 

 The main objectives of the thesis involve the accurate estimation of the 

strains present in the stent rings, the COF extraction and the prediction of the de-

ployed position of the endograft. As a consequence, when it comes to vessel model-

ling, the vessel’s overall response is of greater interest than the stress field locally 

present at the arterial wall. More specifically, the main characteristic that needs to 

be correctly modelled for a stent analysis is the Pressure-Radius (P-R) curve of the 

vessel at the physiological pressure range (Fig. 3.11) so as to imitate accurately the 

boundary conditions present in vivo around the endograft. This, combined with the 



84 
 

uncertainties that are still present in the constitutive modelling of the artery, lead us 

to prefer a phenomenological model over a histological one. P-R data, though, for 

human abdominal aortas are surprisingly infrequent in the literature.  

While uniaxial tests are common because they can cope with the small sam-

ples usually available and while biaxial tests are more adequate to mimic the physio-

logical conditions of a loaded vessel, both tests fail to take into account the residual 

strains present in the vessels. Pressure tests can offer such an insight, however, due 

to the larger samples they require, they are extremely rare.   

The final objective of this Chapter is to create a material model that will sim-

ulate the overall response of the vessel and replicate the way the artery inflates.  

One early and very detailed analysis that produced P-R curves of human ab-

dominal aortas was the work of Langewouters et al. [167]. Herein, though, data from 

the much more recent work of Labrosse et al. [156] have been utilized because of the 

information available regarding both axial and circumferential stretch responses and 

the consideration of pre-strains, factors not present in the study of Langewouters.  

In the original analysis of Labrosse et al., 4 abdominal segments were exam-

ined from females aged 49-65, 7 from males aged 38-66 and 6 segments from males 

aged 67-77. A cannula was introduced at one end of each specimen and applied 

stepped pressure up to 21.3kPa (=160 mmHg) while the other end of it was capped. 

Each segment was free to move axially and both the longitudinal stretch ratio and the 

change in radius were monitored. The experiment took place at room temperature, 
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Fig. 3.11 Schematic of a typical Pressure-Radius curve. The dashed lines delimit the physio-

logical pressure range of the human aorta.  
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less than 24 hours from harvesting and preconditioning was applied before recording 

the measurements. Subsequently to pressurization, vessel rings were longitudinally 

cut in order to release their residual stresses and the opening angle, 𝛼, was measured.  

In their work, no P-R data were published directly; instead, an analytical 

model was used to fit the results and the strain energy function along with the fitting 

variables were reported. Unfortunately, Abaqus does not feature the strain energy 

function used by the study, so the model parameters cannot be used directly. The 

analytical model, though, fits the experimental data extremely well (coefficients of 

determination typically ranged between 0.96 and 1 [168]) and hence, it can be confi-

dently used to recreate the experimental P-R data. 

Herein P-R graphs were reconstructed for each one of the 3 aortic categories 

using the reported strain energy function and material constants. The underlying idea 

is that for every set of fitted variables, P-R curves can be created and used as “exper-

imental” data that can then be utilized to fit a new strain energy function that is avail-

able in Abaqus. 

At first, a Maple script was written in order to calculate the necessary pres-

sure, 𝑃, to be applied on the vascular wall so as to achieve a given inner radius 𝑟𝑖 and 

a longitudinal stretch 𝜆𝜃. For all calculations presented below, the mean values of 

[156] where used (mean material coefficients, radius, thickness and opening angle 

per vessel category) unless stated differently. The variance of each parameter ranged 

Fig. 3.12 The stress-free (a), the unloaded (b) and the pressurized state (c) of a vessel tube. 

In the first two states the thickness is assumed to be unchanged and equal to 𝑡; similar as-

sumption is made for the original length 𝐿. In the pressurized state, the thickness reduces 

and the length changes to 𝑙. From [156] with permission. 
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from 1-5% for the material coefficients and up to 40% for the opening angle. Fig. 3.12 

introduces the nomenclature originally used in the study and followed herein as well.  

In the original study [156], the strain energy function is: 

𝑈 =
𝑐1

2
(𝑒(𝑐2𝐸𝜃

2+𝑐3(𝐸𝑧
2+𝐸𝑟

2) − 1)   (3.8) 

where 𝑐1, 𝑐2, 𝑐3 are the reported material parameters and 𝐸𝑖 for 𝑖 = 𝑟, 𝜃, 𝑧 are the 

Green strains. By assuming incompressibility we acquire:  

𝐸𝑟 =
1

2(2𝐸𝜃 + 1)(2𝐸𝑧 + 1)
−

1

2
     (3.9) 

so only two strains are independent:  

𝐸𝑖 =
1

2
(𝜆𝑖

2 − 1) for 𝑖 = 𝜃, 𝑧     (3.10) 

The circumferential and longitudinal stretches are respectively defined as: 

𝜆𝜃 =
𝜋

𝜋−𝛼

𝑟

√
𝜋

𝜋−𝛼
𝜆𝑧(𝑟2−𝑟𝑖

2)+𝜌𝑖
2
  and 𝜆𝑧 =

𝑙

𝐿
     (3.11) 

so as to take into account the circumferential residual stresses. Regarding nomencla-

ture, 𝑟 is the radius at the deformed configuration with 𝑟𝑖 ≤ 𝑟 ≤ 𝑟𝑜 and 𝑙 is the de-

formed length.  

Furthermore, by demanding the mid-line length of the circumference to be 

the same before and after the axial cut, we also get: 

𝜌𝑖 =
2𝑅𝑖 + 𝑡

𝑎
𝜋

2(1 −
𝑎
𝜋)

      (3.12) 

The variables 𝑅𝑖 , 𝑡, 𝛼, 𝜆𝑧 and 𝜆𝜃 (evaluated at the inner radius of the vessel) 

were all experimentally measured. Similarly to the original work, all radii in the cur-

rent analysis are inner radii as well.  

For the construction of P-R graphs, 𝐹𝑧 is defined as the force necessary to keep 

the sample at constant length while under pressure. Then: 

 
𝐹𝑧 = 𝜋 ∫ (2𝜆𝑧

2
𝜕𝑈

𝜕𝐸𝑧
− 𝜆𝜃

2 𝜕𝑈

𝜕𝐸𝜃
)𝑟𝑑𝑟

𝑟𝑜

𝑟𝑖

    (3.13) 

and since the closed end of the vascular section is free to move axially, we demand 

𝐹𝑧 = 0. Nevertheless, because the analytical solution of this equation is impractical 

to use, 𝐹𝑧 = 0 is solved for various 𝑟𝑖, calculating the respective 𝜆𝑧.  
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Subsequently, for each pair of (𝑟𝑖,𝜆𝑧), pressure is calculated from: 

 
𝑃 = ∫

1

𝑟
𝜆𝜃
2 𝜕𝑈

𝜕𝐸𝜃
𝑑𝑟

𝑟𝑜

𝑟𝑖

 (3.14) 

These (𝑟𝑖,𝜆𝑧 , 𝑃) sets will serve as the experimental data to be used later on. 

An interesting outcome from this analysis is that since residual stresses have 

been taken into account, 𝜆𝜃 < 1 at 𝑅𝑖, id est, at the closed yet unpressurised state, 

the vessel at the inner radius is under compression. As a result, 𝜆𝜃 = 1 for a radius 

greater than the initial one. At the pressurized point where the vessel meets 𝜆𝜃 =

1 = the same as in the unstressed-open state, the vessel also satisfies 𝜆𝑧 = 1.  

As an effect of that, when examining the initial part of the P-R graph, one can 

see that the radius at 𝑃 = 0 is greater than 𝑅𝑖. This type of behaviour at the very start 

of the graph (well before the physiological range) can also be observed in other stud-

ies [136] and is explained by the analytical inclusion of residual stresses. Note that if 

𝛼 = 0, this effect is not present since the problem becomes equivalent to pressuriz-

ing a vessel with no residual stress.    

However, even when abnormal initialization is present, it is very quickly com-

pensated by the overall response of the equation and the graph eventually behaves 

as expected. To validate the analytical results obtained from Maple, the data at 𝑃 =

13.3 𝑘𝑃𝑎 = 100 𝑚𝑚𝐻𝑔 were compared to the corresponding experimental data 

provided by Labrosse et al. The analytical values lie always inside the 95% confidence 

level of the mean experimental values and the predictions are very satisfying (Table 

3.13). 

In the original study [156], material coefficients are reported with variations 

at the 95% confidence level. In order to evaluate the sensitivity of the model 

to 𝑐1, 𝑐2, 𝑐3, a study was performed and it was found that in the given range, altera-

tion of the coefficients alters the plateau of the P-R curve insignificantly. It was noted 

that increase of 𝑐1 moves the plateau upwards, whereas increase of both 𝑐2 and 𝑐3 

moves the plateau downwards. Hence, as far as the coefficients are concerned, less 

vessel distensibility will involve the lowest value of 𝑐1and the highest values of 𝑐2, 𝑐3. 

Even then, though, the plateau differs by less than 0.5% from the mean case, justify-

ing our choice to use the mean values of the material parameters.  
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Table 3.13 Discrepancy between the analytical solution and the values reported in [156]. 

Vessel  

category 

Stretch at 

13.3 kPa 

Experimental value at 

95% confidence level 

Analytical 

value 

Discrepancy from 

the exp. mean 

Females 49-65 
𝜆𝜃 1.27 ± 0.09 1.27 0.0% 

𝜆𝑧 1.11 ± 0.03 1.11 0.0% 

Males 38-66 
𝜆𝜃 1.35 ± 0.16 1.32 2.2% 

𝜆𝑧 1.10 ± 0.09 1.11 0.9% 

Males 67-77 
𝜆𝜃 1.15 ± 0.03 1.14 0.9% 

𝜆𝑧 1.05 ± 0.04 1.05 0.0% 
 

 

3.2.4 Fitting a new strain energy function 

 

Having recreated the experimental data (later seen in Fig. 3.13), a fitting anal-

ysis was performed in Matlab. First though, the aforementioned ill-position of the P-

R data at the initial state had to be tackled, hence, alteration of the dataset at low 

values of pressure was performed to provide a smooth start of the curve and sat-

isfy 𝑃(𝑟 = 𝑅𝑖) = 0. This alteration was conducted from the initial point of zero pres-

sure (0, 𝑅𝑖) up to a predefined, arbitrary point (𝑃′, 𝑟′) which laid well before the start 

of the physiological range of pressures which is of interest. The physiological range is 

assumed to be [80 , 120]mmHg which is equivalent to [10.7 , 16.0]kPa.  

The values of 𝑃, 𝑟𝑖, 𝜆𝑧 calculated on Maple were used as an input for 𝑃 > 0 

and the alteration of the initial part of the dataset was conducted by using the loga-

rithmic function:  

 𝑟𝑖 = 𝑙𝑛(𝛽𝑃 + 1) + 𝑅𝑖  (3.15) 

where β =
𝑒𝑟′−𝑅𝑖−1

𝑃′
. Fig. 3.13 illustrates the original and the altered datasets.  

By using the altered dataset – which behaves identically to the original one at 

the range of interest – fitting was performed by minimizing the equation:  

 
∫

1

𝑟
𝜆𝜃
2 𝜕𝑈

𝜕𝐸𝜃
𝑑𝑟

𝑟𝑜

𝑟𝑖

− 𝑃 (3.16) 
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(where the integral corresponds to the new function 𝑈 and 𝑃 refers to the calculated 

values of the previous section) through the use of the non-linear least square subrou-

tine lsqnonlin. After testing several polynomial functions for the strain energy density 

function 𝑈, a 6th order reduced polynomial (also named the Yeoh model) was found 

to fit the data best:  

 
𝑈 = ∑𝑐𝑖(𝐼1 − 3)𝑖

6

𝑖=1

 
  

(3.17) 

𝑐𝑖 are the material parameters to be fitted and 𝐼1 is the first strain invariant (i.e. 𝐼1 =

𝑡𝑟𝐶 with 𝐶 being the right Cauchy-Green tensor of the deformation gradient 𝐹) for 

which 𝐼1=𝜆𝑟
2 + 𝜆𝜃

2 + 𝜆𝑧
2 . This function allowed for a perfect fit since in all cases the 

coefficient of determination was 1.0. Given the fact that the fitted data originated 

from a function, the acquisition of such a high coefficient should not come as a sur-

prise.  

Later on, this polynomial function will allow a successful implementation in 

Abaqus, as it has been reported to be used in numerous cases for the modelling of 

the coronary artery [84,162,163]. The fitted coefficients produced from the Matlab 

analysis are reported on Table 3.14. 

 

Table 3.14 Fitted coefficients for the 6th order reduced polynomial strain energy function. 𝑐𝑖 

are reported in MPa. 

Category 𝒄𝟏 𝒄𝟐 𝒄𝟑 𝒄𝟒 𝒄𝟓 𝒄𝟔 𝑹𝟐 

Females aged 49-65 0.0028 0.0209 -0.0463 0.2100 -0.2985 0.2254 1.00 

Males aged 38-66 0.0019     0.0195    -0.0091 0.0378 -0.0414     0.0358 1.00 

Males aged 67-77 0.0048     0.0911    -1.0600     9.5292   -31.7421 46.3921 1.00 
 

 

Finally, it can be noted that a smaller 𝑃′ (i.e. shorter intervention to the orig-

inal data) stiffens the initial slope of the P-R curve but, as expected, leaves the rest of 

the graph unaffected.  
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3.2.5 Validation of the strain energy function 

 

The last stage of the analysis involved the implementation of the isotropic, 6th 

order reduced polynomial strain energy function along with the fitted parameters 𝑐𝑖, 

𝑖 = 1…6 into the FEA solver. In Abaqus this function takes the form: 

 
𝑈 = ∑𝑐𝑖(𝐼1̅ − 3)𝑖 +

6

𝑖=1

∑
1

𝐷𝑖
(𝐽𝑒𝑙 − 1)2𝑖

6

𝑖=1

     (3.18) 

where 𝐼1̅ is the first distortional strain invariant, 𝐽𝑒𝑙 is the elastic volume ratio defined 

as the total volume ratio (current volume/original volume) over the thermal volume 

ratio (herein=1) and 𝐷𝑖  are material parameters. The model was assumed almost in-

compressible with Poisson’s ratio being over 0.4999 (leading to 𝐷1=0.004593 and 

𝐷𝑖 = 0 for 𝑖=2,..,6) and density = 1.16·10-9 𝑡𝑜𝑛𝑛𝑒/𝑚𝑚3. 

 

 

Video 3.1 FEA results of Abaqus/Explicit. Displacement (in mm) of a vascular section (Females 

aged 49-65) simulating the experiment of Labrosse et al. For the video, refer to the pdf ver-

sion.  

 

Since the experimental data of Labrosse et al. were acquired for pressures up 

to 160 mmHg = 21.3 kPa, this was the maximum pressure used in Abaqus as well. For 

this purpose, a vascular tube was constructed in the FEA environment, fixed in one 

end and pressurized while leaving the other end capped and free to move axially. The  
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Fig. 3.13. Pressure – Inner Radius curves for the three cases studied. From top to bottom are 

the results for Females (49-65), Males (38-66) and Males (67-77). The original “experimental” 

results (crosses) were altered at the initial pressurization region, i.e. before point 𝑃′ (circles) 

and according to the latter, analytical fitting was performed (red line). The coefficients pro-

duced through this procedure were validated using implicit (green line) and explicit (blue line) 

FE analysis. The region between the dotted vertical lines signifies the physiological range.  

𝑃′ 

𝑃′ 

𝑃′ 
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analysis was performed for all 3 vessel categories using both an implicit and an ex-

plicit solver (Abaqus/Standard and Abaqus/Explicit respectively). In all cases, contin-

uum elements were used (C3D10H and C3D4 tetrahedral elements respectively) un-

der the same meshing (Video 3.1), although it was observed that mesh density af-

fected the P-R curve insignificantly. Additionally, for the Abaqus/Explicit analyses, the 

time step was 5 times the 1st natural period of the vessel.  

As can be seen in Fig. 3.13, the models closely follow the behaviour of the 

original P-R curves. The agreement is very satisfying for both solvers and can be con-

firmed by the maximum discrepancy identified at the pressure range of interest (Ta-

ble 3.15), validating the entire modelling process.  

This material model will be used in Chapter 4. 

 

Table 3.15 Maximum error for the P-R curve between the FEA and the analytical solution at 

the physiological pressure range.  
 

Category 
Maximum Error 

Abaqus/Standard 

Maximum Error 

Abaqus/Explicit 

Females aged 49-65 -1.0% -1.3% 

Males aged 38-66 -2.4% -1.8% 

Males aged 67-77 0.0% 0.6% 

 

3.2.6 Identification of the unloaded vessel size 

 

In clinical reality, vascular dimensions are monitored in a loaded rather than 

an unloaded state. Since patient specific data can only be acquired via screening mod-

ules like CTA, the patient geometry imported to any numerical analysis will inevitably 

refer to an in vivo, already pressurized configuration. As a result, the classical FEA 

approach in which the initial condition of a structure is thought to be unloaded and 

stress-free is challenged.  

Efforts to alleviate the problem focus on computing the unloaded geometry 

of the vessel by utilizing both its deformed configuration and the known boundary 
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conditions during screening (primarily, arterial pressure). This process can be per-

formed prior to all other analysis steps and can provide the reference configuration 

for subsequent calculations.  

Towards this end, Govindjee and Mihalic, successfully created a FE formula-

tion in finite hyperelasticity for compressible [169] and later on quasi-incompressible 

materials [170]; they did so by re-parameterizing the standard equilibrium equations 

after interchanging spatial and reference coordinates. Putter at al. [171], used a back-

ward incremental method and a neo-Hookean material to compute the wall stress of 

an AAA on the true diastolic geometry while Chandra et al. [172] used a Mooney-

Rivlin model; in their work, they pressurized the vessel, plotted the pressure-displace-

ment response of each node and then through extrapolation identified the location 

of the nodes at zero pressure. Based on a different approach, Gee et al. [173] used 

an inverse design analysis to calculate a stress-free reference configuration, a method 

that yielded poor results when geometry was complex. On the same study, though, 

researchers also developed a method based on a modified updated Lagrangian for-

mulation in which a multiplicative split of the deformation gradient was executed to 

generate a pre-stressed configuration. This idea was further developed by 

Weisbecker et al. [174] to a generalized pre-stressing algorithm in which the iteration 

process updated the deformation gradient field instead of the displacement one.  

All the techniques above seek to establish the correct stress state of the 

loaded arterial wall at the initiation of the FE analysis. Herein, however, the phenom-

enological model has not been developed to predict the stress field of the aorta, 

hence such aim is out of the scope of this work. Since, what is of interest here, is the 

correct vascular response at the application of pressure, no computationally expen-

sive analysis is needed. Instead, analytical tools can be utilized for the identification 

of the initial geometry as described below.  

For a given set of inner radius 𝑟𝑚, and thickness, 𝑡𝑚, that can be observed via 

clinical screening at pressure 𝑃𝑚, we are looking for the original inner radius, 𝑅𝑖, and 

thickness, 𝑡, that upon inflation will result at the observed set (𝑃𝑚,  𝑟𝑚, 𝑡), given the 

vessel category (Fig. 3.14). 
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Fig. 3.14 Pressure-Radius curve that starts from 𝑅𝑖 and satisfies 𝑟(𝑃𝑚) = 𝑟𝑚. 

 

In more detail, by using one of the examined vessel materials, hence a specific 

set of 𝑐𝑖, 𝑖 = 1, . . ,6 coefficients, we can treat the original radius, 𝑅𝑖, as an unknown 

and identify it by equating the equation (3.14) of the specified strain energy function 

with 𝑃𝑚.  

Note that 𝑃𝑚 is not straightforward to extract in the clinical setting and a 

mean value of pressure during the cardiac cycle might be the most realistic choice. 

Since the ventricles spend approximately one-third of the cardiac cycle in systole and 

two-thirds in diastole, a commonly used approximation (see for example [175]) for 

the time-weighted arterial blood pressure in large system arteries is: 

 
𝑃𝑚 = 𝑃𝑑 +

1

3
(𝑃𝑠 − 𝑃𝑑)  (3.19) 

where 𝑃𝑑 is the diastolic pressure and 𝑃𝑠 the systolic one. When considering 𝑃𝑑 =

80 𝑚𝑚𝐻𝑔 and 𝑃𝑠 = 120 𝑚𝑚𝐻𝑔, then 𝑃𝑚 = 93.3 𝑚𝑚𝐻𝑔 = 12.44 𝑘𝑃𝑎. This value 

will be used as the reference pressure in various cases examined in the thesis.  

After acquiring the 𝑅𝑖 value, the original thickness, 𝑡, can also be calculated 

by utilizing incompressibility, via the equation: 

𝑡 = √𝑡𝑚(𝑡𝑚 + 2𝑟𝑚) + 𝑅𝑖
2 − 𝑅𝑖  

(3.20) 

thus providing complete information for the creation of the original, unloaded vascu-

lar section. Note that for this procedure, 𝜆𝑧 = 1 is used since it is assumed that the 

vessel cannot deform axially in vivo.  
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Using this approach, when examining cylindrical vascular sections, we can 

model the original vessel with the specified 𝑅𝑖 and 𝑡 and result in the correct P-R 

plateau. With a similar rational, when examining complex patient specific aortas, the 

initial vascular radius that upon pressurization will satisfy the CTA configuration can 

also be identified; however, for such vessels, CAD software requires to be used to 

efficiently shrink non-straight geometries into the unloaded ones. 

 

3.3 Discussion and summary 
 

Tortuosity and kinking are major contributors to the topological uniqueness 

of AAAs. Herein, 10 angles were identified as adequate for the description of the AAA 

region while their 3D values, along with their projection values, were calculated for 

258 patients treated with the Anaconda stent graft. The calculation of the median 

and extremes of these angles helps quantify and understand the geometrical land-

scape of the abdominal aortic aneurysms. For a vessel to be fully described, distances 

of the points that define these angles are also needed, nevertheless, this information 

was not taken into account in the statistical analysis as it would unnecessarily com-

plicate the clarity of the outputs. In a clinical set-up, where the geometry of a specific 

patient is of interest, these values could be included.  

Along with the angle analysis, 9 dimensional variables were also considered, 

further assisting to the identification of the norms and extremes of AAAs. This 

knowledge can help clinicians categorize patients according to the severity of various 

geometrical characteristics and can assist manufacturers in building case-study aneu-

rysms for stent design assessments. To the author’s knowledge, this is the most ex-

tensive study on the geometry of AAAs.  

In addition, for the first time, the cross section of the AAA neck was exten-

sively examined, challenging the assumption of circularity. Results showed that the 

median average ellipticity doesn’t lie far from a circle, yet aneurysmal necks with very 

elliptical cross sections were identified. Furthermore, the lack of correlation between 
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the shape metrics used and other geometrical characteristics of the aneurysm, indi-

cate that special attention needs to be taken in a patient by patient manner. The 

existence of significantly non-circular cases could prove alarming for the endograft 

performance.  

Regarding the material model of the vessel, although it has been shown that 

the aortic wall is anisotropic, isotropic models for the aorta are widely used in the 

literature for their simplicity and the close-to-isotropy response of the vessel at the 

physiologic pressure range [176]. A critical review of the literature showed that de-

spite modelling advances, problems in the implementation of anisotropy and com-

pressibility are still present and negatively influence FEA results.  

The use of a material model of high fidelity that can capture local strain effects 

was initially considered and yet eventually abandoned as no reliable P-R vessel re-

sponses could be identified in the literature. On the contrary, studies that tried to use 

such models in inflating tests have reported significant discrepancies between the 

experiment and the numerical model results. For example, the HGO model has been 

reported to consistently under-predict the P-R response of the vascular tissue by up 

to 35% due to the exclusion of residual stresses [97].  

In order to emphasize on the correct global response of the vessel, a phenom-

enological model of the aortic wall was created; that way, the inflation of arterial 

sections under pressure was correctly represented providing accurate boundary con-

ditions for the stent graft analyses to follow. The model described herein can be easily 

implemented in most FEA codes and the technique presented for identifying the un-

loaded vessel size is quick and reliable.  

Pressurizing a cylindrical section of an artery poses essentially a 1D defor-

mation, hence, anisotropy does not add extra information in cases like these. For that 

reason, all results reported in Chapter 4 (that implements the material model in vas-

cular tubes) do not suffer from the assumption of isotropy. When more complex ge-

ometries are introduced, though, limitations might arise. As a result, the technique 

presented herein should be used with caution for (patient-specific) 3D geometries 

that incur high curvature variations.  
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Another limitation is that the data used are based on a small number of spec-

imens and constrain vessels to fit into one of 3 available categories. Furthermore, the 

experiments of Labrosse et al. [156] were conducted at room temperature, a condi-

tion that is likely to have an effect on the mechanics of the aorta [167]. The scarcity 

of P-R data regarding human specimens in the literature, however, is worth noting 

and currently restricts attempts of more accurate material modelling. 
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Chapter 4 

Ring Model 
 

 

 

 

 

 As it has already been established, EVAR has become extremely popular in 

recent years, yet mechanical aspects of the endografts often affect the outcome of 

the intervention. In this Chapter we examine a novel way to model the basic unit of 

a stent graft by trying to acquire computationally efficient FEA solutions without sac-

rificing precision. A model like that has an end in itself, as it can allow the mechanical 

study of the basic building block of the endograft, yet at the same time, serves as a 

step towards the creation of full stent graft models as well.  

During the last decade a variety of stents have been developed followed by 

the advancement of computational techniques to better understand their effects and 

improve their overall performance. Stent design optimization [84], sensitivity studies 

for their geometrical parameters [85,177], fatigue life analysis [69,70], investigation 

of the vessel-artery interaction [178,179] and patient specific simulations [163,165] 

have been conducted providing insight for both the clinicians and stent device de-

signers. As has been mentioned already though, most of these studies have been pri-

marily conducted on similarly designed Z-shaped stents since these geometries are 

the most dominant in the market. Even comparative studies between different stents 

have used devices with related shapes [180]. Another common characteristic of these 

stents is that the production process usually involves laser cutting of Nitinol tubes 
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and in some cases annealing, leading to a stress free stent when undeformed. Nev-

ertheless, the behaviour of alternative geometries has rarely been examined. An in-

teresting exception is the work of Demanget et al. [88] where eight commercially 

available endograft limbs (the iliac legs of Z-stents, a spiral stent and the AnacondaTM 

endograft) were simulated, underlining the importance of the global design on the 

mechanical performance of such devices. 

Herein, a computationally efficient numerical model of a bundle of Nitinol 

wires, the basic structural unit of the commercial stent graft AnacondaTM (Terumo 

Aortic), has been developed. In recent studies, when bundle rings were to be mod-

elled, researchers often adopted the ‘equivalent beam’ approach [88,94,95]. This 

technique assumes that a multi-turn bundle can be represented by a 1-turn model as 

long as the 2nd moment of area for both of them is the same. Although its simplicity 

is tempting, the drawback of this approach is significant since such a model exagger-

ates material strain magnitudes because the radius of the wire is increased. Moreo-

ver, the bending stiffness of the bundle is correctly represented only at low deflec-

tions; since Nitinol is non-linear, in high deflections, the equivalent structure will in-

evitably behave different from the true one due to the false stress/strain levels de-

veloped. As a result, altering the wire thickness will affect both the strain and the 

stiffness of the structure making the model inadequate for most structural analyses. 

Such sacrifice is not made herein.  

Furthermore, and contrary to most other modelling attempts, the approach 

presented here can take into account the pre-strains induced in the wires during 

manufacturing, a feature proven to be of great importance to the characterization of 

the behaviour of the structure. Finally, because the goal of the modelling technique 

is to be easily extendable into multiple bundle rings, hence simulating the metallic 

scaffolding of the whole device, the symmetry that the circular structure exhibits was 

not utilized (as, for example, in the works of [76,97]). In such a way, patient-specific 

devices will be able to be built without altering the fundamental basis of the method. 

To the best of the author’s knowledge, currently, there is no model available that can 

correctly capture the mechanical characteristics of the AnacondaTM ring and at the 
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same time produce results in no more than a few hours, making it computationally 

efficient enough for research and development purposes. This is the void the current 

model aims to fill.  

 

4.1 Development of the Ring Model 
 

The AnacondaTM stent graft device consists of a series of circular bundle rings 

which are sutured to a tubular polyester fabric (Fig. 4.1). Each one of these bundles 

is constructed from multiple turns of a Nitinol wire. The wire is originally straight and 

is formed into a bundle by being turned onto a mandrel; then its two ends are 

crimped to form a closed ring. The first proximal bundle ring of the device is consid-

ered to be the most important since it is the first the bloodstream meets and, having 

the greatest stiffness, is primarily responsible for ensuring sealing and, in conjunction 

with the hooks, anchoring.   

To model an n-turn bundle ring, n straight superimposed wires of Timoshenko 

beam elements (B32H, hybrid quadratic functions that allow for transverse shear de-

formation) were formed into a circle and subsequently joined start-to-end. In other 

words, instead of turning 1 Nitinol wire n times (as in manufacturing), n overlapping 

(i.e. occupying the same space) wires were considered, joined together so that the 

Fig. 4.1 The AnacondaTM stent graft (Terumo Aortic) placed inside an AAA [207]. The 1st prox-

imal bundle ring is shown in detail illustrating the multiple turns of Nitinol wire sutured onto 

the fabric. 

 



101 
 

bundle would behave as a single entity, and then turned once (Fig. 4.2). After that, 

the n wires were tied start-to-end to remain circular. Because the whole bundle be-

haves as one, boundary conditions need only to be applied to a single wire, a feature 

that will prove useful for the reduction of computational cost.  

 

 

 

 

 

 

 

 

 

 

 

Fig. 4.2 During manufacturing, a wire is turned n times to create a bundle (a); yet herein, n 

wires that occupy the same space are turned once (b).  

 

Although beam elements can capture the mechanical response of the bundle 

ring, they cannot fully represent its cross sectional geometry, especially because of 

the wire superposition. This aspect is important since correct topological representa-

tion means that once the ring is deployed into the artery it will be correctly deformed 

and hence, acquire an accurate global shape which will lead to an accurate strain 

state.  

For that reason, surface elements (SFM3D4R, quadrilateral with reduced in-

tegration and no inherent stiffness) were used to create a circular shell representing 

the bundle surface (later seen in Fig. 4.4). These elements do not add any stiffness to 

the structure nor would capture strains; however, by tying them to the beam ele-

ments at the beginning of the analysis, they provide the model with a satisfactory 

approximation of the bundle size and as a result, the global deployed shape of the 

(a)               (b)   

n overlapping wires 

n wire turns 

start-to-end tie 
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ring. The identification of the appropriate bundle diameter, though, brings some 

complications.  

In reality, the cross section of the bundle consists of tightly arranged wires 

that stay in place due to sutures. These ties, though, are manually created during 

manufacturing and result in the inconsistent arrangement of the Nitinol turns 

through the circumference of the rings. As a result, there is no straightforward way 

to calculate the diameter of each bundle. In order to acquire an estimator of the cross 

sectional diameter of the bundles, results from circle packing theory have been uti-

lized. Packing theory is a branch of mathematics that, in the most general sense, pro-

vides optimal arrangements of geometrical shapes inside other geometrical shapes. 

Herein, the results regarding arranging a specific number of circles (Nitinol turns) in-

side the smallest possible circle (bundle approximation) are used (Fig. 4.3). 

 

 

 

 

 

 

Fig. 4.3 Cross section of a realistic bundle configuration possibility (a) and of a configuration 

according to the circle packing theory (b). The model (c) has a bundle diameter equal to the 

one calculated by the circle packing theory and hosts all the turns overlapped at the centre 

of the bundle.  

 

Table 4.1 reports the ratio, 

 
𝐵𝑊 =

𝐵𝑢𝑛𝑑𝑙𝑒𝑅𝑎𝑑𝑖𝑢𝑠

𝑊𝑖𝑟𝑒𝑅𝑎𝑑𝑖𝑢𝑠
    (4.1) 

for 𝑛=1,…,14, were 𝑛 is the number of wire turns inside the bundle. For these and 

greater values of 𝐵𝑊, the reader is referred to [181,182]. Note, though, that cur-

rently no AnacondaTM device has a ring which accommodates more than a 14-turn 

wire.  

 

(a)              (b)               (c)  

n overlapping 
wires 

𝑟 

𝑟 𝑟 

𝑅 𝑅 
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Table 4.1 The ratio 𝐵𝑊 allows the construction of a bundle with the smallest possible cross 

section to accommodate n wires of a given radius.  

𝒏 𝑩𝑾 𝒏 𝑩𝑾 

1 1.000 8 3.304 

2 2.000 9 3.613 

3 2.154 10 3.813 

4 2.414 11 3.923 

5 2.701 12 4.029 

6 3.000 13 4.236 

7 3.000 14 4.328 

 

By combining beam and surface type elements, a ring model that closely ap-

proximates both the stiffness and the topology of the bundle was created (Fig. 4.4). 

Moreover, due to the superposition of Nitinol turns, neither computationally expen-

sive wire-to-wire interactions needed to be modelled, nor case-specific cross-sec-

tional arrangements depending on the number of turns each ring is constructed from. 

In order to build a ring, the wire diameter, the ring’s inner diameter and the 

number of wire turns need to be known; and all of these parameters greatly affect 

the overall structural stiffness of the bundle as has been seen in sensitivity studies 

not presented herein. Contrary to the number of turns that is strictly defined, though, 

Fig. 4.4 The bundle model. Arranging the n-turns of a single wire according to circle packing 

theory allows the circle of minimum diameter that can enclose all of them to be calculated 

(a). This circle serves as the bundle ring’s diameter while the n wires are superimposed at the 

centre of it (b).   

 (a)             (b) 
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small manufacturing errors do exists for the considered diameters. Furthermore, ex-

amination of typical stent rings showed that the wire diameter is more consistent to 

its mean value than the ring diameter is. However, evaluation of several bundles 

showed that the theoretical inner diameter of the ring (i.e. the diameter of the man-

drel upon which the wire is being turned onto) and the physical one, produce a dis-

crepancy of less than 1%, giving confidence in the use of mean values for all variables. 

The construction of the bundle ring constitutes only the first step of the anal-

ysis. Following that, each ring is compacted into a catheter with the use of a cylindri-

cal sheath (SFM3D4R elements) of varying diameter which serves as a compacting 

tool (Fig. 4.5 a,b). Furthermore, an internal cylindrical surface is modelled (as a rigid 

surface) representing the inner tube present in the physical delivery system, referred 

to as the braided stiffener. Modelling the full compaction of the ring is necessary be-

cause of the path-dependent nature of Nitinol. If excluded, the final stress/strain 

state of the material will not capture the in vivo state of the device.  

 After compaction, the bundle ring can be subsequently deployed into a vas-

cular section (Fig. 4.5 c). The deployment occurs via the inflation of the compaction 

cylinder and the boundary conditions for both compaction and deployment are:  

 

 Rotationx=0 for points B, D 

 Rotationy=0 for points A, C 

 Rotationz=0 for points A, B, C, D 

 Displacementx=0 for points A, C 

 Displacementy=0 for points B, D 

 Displacementz=0 for points B, D 

 

with points identified in Fig. 4.5. These conditions are straightforward in order to se-

cure the stability of the ring.  

After deployment, the vessel is pressurized for the ring to experience a pul-

sating loading according to the requests of the analysis. For that step, in addition to 

equations (4.2), the following restriction is applied as well: 

 

  Rotationy=0 for point B                       (4.3) 

(4.2) 
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This condition secures that the ring will not experience a “full body rotation” around 

its tangential axis while it enhances the ring/vessel contact and increases the stability 

of the interaction. 

 

Fig. 4.5 After the ring formation, the ring is compacted with the help of a shrinking cylinder 

(a) that collapses the ring into the sheath diameter (b) before the final deployment through 

the cylinder’s inflation (c). The innermost cylinder represents the braided stiffener.  

 

 Initial tests using equation (4.3) from the compaction stage, revealed that the 

resultant compacted shape of the ring differed from the shape acquired from micro-

CT scanned devices inside their sheaths. The reason being that during compaction, 

the potential energy of the ring increases dramatically and the ring, in its effort to 

minimize the stored energy, causes changes in its twist despite the suture and friction 

restrictions; as a result, the rotational restriction imposed by equation (4.3) seems 

unrealistic in the early stages of the analysis. It is hypothesized, though, that after 

vessel/ring equilibrium is reached, no further rotation takes place.  

 Because of geometrical, material and contact non-linearities, implicit dynamic 

steps with a quasi-static formulation are used both for the compaction and the de-

ployment of the ring as well as the pressurization of the vessel. For this formulation, 

Abaqus uses a Backward Euler scheme which has a viscous effect that increases sta-

bility. Because of inertial effects though, the time scale of the analysis becomes rele-

vant and needs to be sufficiently large so that dynamic effects are damped out, al-

lowing the solution to approach steady-state. The period of each step that was used 

herein is 0.01 seconds and the kinetic energy was checked throughout all analyses to 

be a small fraction (<5% and usually <1%) of the internal energy. Lastly, to further 

enhance stability and aid convergence, a non-symmetric Jacobian matrix was chosen. 

(a)                   (b)                  (c) 
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This helps to deal with the unsymmetric terms that are created in the stiffness matrix 

during the analysis (particularly at contact).  

All cases presented in this Chapter were performed using Abaqus/Standard. 

For simulating the Nitinol alloy, a user defined subroutine (UMAT) that follows the 

constitutive model proposed by Auricchio [65] was used. The density was set to 6.45 

𝑔 𝑐𝑚3⁄  and the material parameters employed were calibrated specifically for the 

AnacondaTM wires at 37 oC during the development of the PhD thesis of Boukis [77] 

(Table 4.2).  

 

Table 4.2 Parameters for the constitutive model of Nitinol (refer to Fig. 2.5). 

Austenite elasticity 𝐸𝐴 (GPa)  59 

Austenite Poisson’s ratio 𝜈𝐴 0.33 

Martensite elasticity 𝐸𝑀 (GPa) 26.5 

Martensite Poisson’s ratio 𝜈𝑀 0.33 

Transformation strain 𝜀𝐿 (MPa) 0.05 

Start of transformation loading 𝜎𝐿
𝑆 (MPa) 636 

End of transformation loading 𝜎𝐿
𝐸  (MPa) 740 

Start of transformation unloading 𝜎𝑈
𝑆 (MPa) 430 

End of transformation unloading σU
E  (MPa) 302 

Start of transformation stress in compression  (MPa) 965 

 

4.2 Validation and further exploration 
 

 After the creation of the Ring Model, assessment and validation is needed 

before applying it to any trustable stent analysis. This section presents a series of 

tests and comparisons made to ensure the credibility of the model. Note that all vas-

cular sections in this Chapter have been modelled with the phenomenological model 

developed in Chapter 3. Apart from Section 4.2.2, all analyses use an arterial model 

corresponding to males aged 67-77 (material parameters provided in Table 3.14). 

Section 4.2.2 uses the aforementioned as well as the model corresponding to males 

aged 38-66.  
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4.2.1 Integration points  

 

The use of beam elements for stent modelling, although widespread, is not 

always the choice of researchers; there are plenty of studies which have used  con-

tinuum finite elements (e.g. [84,163,177]). However, apart from the obvious ad-

vantages of beam elements when it comes to computational efficiency, another merit 

is the existence of integration points at the outer perimeter of them, a characteristic 

not present in continuum elements. This feature is helpful in bending dominated 

problems such as stent compaction, since the maximum stresses occur in the circum-

ference of the structure, and a more accurate calculation of them can be performed.  

Fig. 4.6 Default section points at the cross section of a beam element [183]. 

 

More specifically, in order for Abaqus to calculate the variables of interest, 

numerical integration is executed at multiple points of each finite element, namely 

its section points. The default number of section points of a beam element is 17, and 

are distributed over its cross section according to Fig. 4.6. As can be seen, 3 points 

are used in the radial direction and 8 over its circumference allowing for the notation 

(3,8). Nevertheless, according to Abaqus Documentation [183],  

 

the default number of section points is adequate for monotonic loading that 

causes plasticity. If reversed plasticity will occur, more section points are re-

quired. 
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Since the Ring Model is built to compact and then deploy into a vessel (i.e. 

enter superelasticity and then unload its strains), the first parameter that needed to 

be specified was the adequate number of section points of the beam elements. To-

wards that end, a 4-turn ring with a diameter of 35.9 mm and 0.28 mm wire thickness 

(later on mentioned as Case 5) was used for the investigation. The vascular section 

was modelled as a straight tube and the interaction between the ring and the vessel 

was modelled with a friction coefficient of 0.05. The variables of interest were: 

 

 Maximum strain, 𝜀, at systole 

 Maximum delta strain: 𝛥𝜀 = 𝜀𝐷𝑖𝑎𝑠𝑡 − 𝜀𝑆𝑦𝑠𝑡  

 Maximum mean strain: 𝛭𝜀 = 
𝜀𝐷𝑖𝑎𝑠𝑡+𝜀𝑆𝑦𝑠𝑡

2
  

 Chronic outward force (COF), at systole 

 

and were all evaluated after 30 loading cycles (between diastolic and systolic pres-

sure). It should be mentioned that COF is calculated by summing the radial compo-

nent of all (nodal) forces, 𝐹𝑅, produced by the ring on the vascular surface (later seen 

in Fig. 4.17). Note also that each one of the strain variables was examined inde-

pendently of the rest; for example, maximum 𝛥𝜀 is calculated after examining the 

difference of strain values developed in every node of the ring and identifying the 

largest one, hence, it may not be related to the node of maximum diastolic (or sys-

tolic) strain. As a result, the location of each one of the variables does not need to 

coincide with the location of the others. Finally, all strains are logarithmic, since the 

investigations performed involve large deformation analyses.  

 The number of section points was progressively increased from (3,8) to (3,10), 

(3,16), (3,20), (3,24), (3,30), (5,10), (5,16), (5,20), (5,24), (5,30), (7,10), (7,16), (7,20), 

(7,24), (7,30), (9,30) and finally to (11,36). The latter configuration was considered to 

be the most accurate one and as section points increased, the results of the models 

were found to more closely fluctuate around its solution.  

Video 4.1 along with Fig. 4.7 display a representative analysis result. 
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Video 4.1 Maximum principle strains developed at the ring during the simulation. The bundle 

shell and the braided stiffener have been supressed to allow for better visualization. For the 

video, refer to the pdf version.  
 

 

Fig. 4.7 Contact pressure (N/mm2) on the inner surface vessel wall (a) and maximum principle strain 

on a wire of the ring.  

 

 The number of section points that was finally decided to be used in all further 

analyses was (5,20) as it provided a low runtime for the simulation and at the same 

time its results varied 2% at the most from the (11,36) reference configuration. 

 

4.2.2 Mesh convergence studies 
 

In FE analysis, mesh sensitivity studies are necessary to establish mesh inde-

pendent solutions. Because the current project, though, wishes to create a tool for 

(a)                                                         (b) 
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any bundle ring, an extensive mesh study needed to be conducted to take into ac-

count a variety of combinations of wire and ring diameters.  

Seven rings with 4-turns each were fully compacted and deployed inside a 

vascular section. Large systolic (150 mmHg) and small diastolic (60 mmHg) pressure 

was applied on the vascular wall in order to create a significant pulse variation. For 

the ring/vessel system to reach a steady state, a number of loading cycles were im-

plemented.  

For the current spectrum of ring configurations, the available range for the 

ring diameter is 7.5 to 50 mm and for the wire diameter 0.1 to 0.28 mm. However, 

not all combinations are relevant (e.g. the thickest wire will not be used with the 

smallest ring).  As a result, the 𝑊𝑅 = 𝑊𝑖𝑟𝑒 𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟
𝑅𝑖𝑛𝑔 𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟⁄  ratio was considered 

and was identified to range from 0.004 to 0.013 in existing devices. As a consequence, 

the bundle rings that were chosen incorporated these extreme ratios, unless the re-

sult for the wire diameter was outside the wire thickness range, in which case the 

thinnest/thickest wire was chosen (Table 4.3). Note that the wire diameter relates 

always to a wire in use.  

 

Table 4.3 Configuration of the mesh study analysis. The extreme ratios were to be used for 

the establishment of the wire diameter unless the result was outside the wire thickness 

range, in which case the thinnest/thickest wire was chosen. 

Case Number Ring diameter (mm) Wire diameter (mm) 

Case 1 7.5 0.1 

Case 2 21.7 0.1 

Case 3 21.7 0.26 

Case 4 35.9 0.14 

Case 5 35.9 0.28 

Case 6 50.0 0.2 

Case 7 50.0 0.28 

 

Because the highest stresses and strains are being developed in the region of 

the peaks (points A and C of Fig. 4.5) and valleys (points B and D) of the ring, the mesh 
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is constructed to be denser there. In the analysis, the element size on the peaks and 

valleys was controlled while the elements between them were allowed to have sizes 

up to twice longer. In each successive mesh refinement, element length was scaled 

down by a factor of 2 and, like before, four variables were considered: Maximum 

Strain 𝜀 at Systole, Maximum Delta and Mean strain and COF.  

In order for a mesh to be accepted, all variables needed to remain below a 5% 

threshold change. If, for example, the maximum strain 𝜀 is considered along 3 con-

secutive meshes n-1, n and n+1, we control: 

 |𝜀𝑛+1−𝜀𝑛|

|𝜀𝑛+1|
  ≤ 𝑒   (4.4) 

to be true for 𝑒 = 5%. If it is, then the final value 𝜀𝑛+1 is considered to be the con-

verged strain, 𝜀0; if not, a denser mesh is produced and the above process is re-

peated. The mesh to be used, eventually, is the mesh that for all variables produces 

values that differ 5% at the most from the mesh of convergence (Fig. 4.8). In the ex-

ample mentioned, that mesh would be the n-th one. This is considered to be the op-

timal mesh in the sense that it uses as few elements as possible to predict strains and 

forces with an acceptable error. 

 

 

Fig. 4.8 Representative mesh converging (Case 3). The variables of interest converge below the thresh-

old 𝑒 = 5% as the number of elements in the wire increase (higher mesh number).  
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Through this procedure, the optimized value of the aspect ratio, where: 

𝐴𝑠𝑝𝑒𝑐𝑡 𝑟𝑎𝑡𝑖𝑜 =
𝑊𝑖𝑟𝑒 𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟

𝐸𝑙𝑒𝑚𝑒𝑛𝑡 𝑠𝑖𝑧𝑒
   (4.5) 

was identified to be 0.52 for all ring configurations.  

With this value, the number of elements per Nitinol turn ranges from 60 to 

300 depending on the ring size. Regarding the bundle, the same meshing result is 

being used along its length, while for its cross sectional circumference 20 elements 

are used to capture circularity. As a consequence, if 𝑥 is the number of beam ele-

ments per turn, the bundle shell of the respective ring has 20·𝑥 surface elements.  

Lastly, through the mesh study, it was highlighted that pressure cycling has an 

effect on all variables and especially the maximum value of 𝛥𝜀, because of small re-

configurations between the ring and the vessel. More specifically, as the vessel pul-

sates, the ring adopts its shape through bending and micro rotations, and a few cycles 

are necessary for these motions to become repetitive. The minimum number of cy-

cles necessary for a converged result ranges from 5 for the rings with the lowest 𝑊𝑅 

to 15 for the ones with the highest 𝑊𝑅. Note that despite the 5% threshold, almost 

all variables in all cases exhibited errors of ~2%. 

 

 For all cases discussed, the vessel model had 2 elements in thickness (Video 

4.1). Furthermore, the smallest beam element was not longer than the vessel's ele-

ments so as to keep meshes in a similar scale. Nevertheless, a proper mesh conver-

gence study of the vessel needed to be conducted as well. For that, the same conver-

gence criteria were used but with an 𝑒 =2% threshold error. For this analysis, only the 

total radial force was considered.  

 The vessel consisted of cubical continuum elements (C3D8RH, reduced inte-

gration scheme and hybrid formulation; these options are good for incompressible 

materials and distorted meshes while they are cost efficient compared to other 3D 

elements). For the study, 3 cases of arteries were tested: 

 

 one narrow and stiff (representing an iliac artery) 
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[Diameter = 9.1 mm and thickness = 1.4 mm at 120 mmHg, vessel material: 

male aged 67-77]  

 one big and distensible (representing a large aorta)  

[Diameter = 31.7 mm and thickness = 1.4 mm at 120 mmHg, vessel material: 

male aged 38-66]  

 one ordinary (representing a common aorta) 

[Diameter = 24.3 mm and thickness = 1.6 mm at 120 mmHg, vessel material: 

male aged 38-66] 

 

For all models, the global size of the elements was gradually reduced and COF was 

checked once equilibrium was established after cycling.  

 The resulting optimum mesh was an inhomogeneous mesh which separated 

the vessel into an inner and outer layer. The boundary between the two layers was 

set at 60% from the inner surface and allowed a denser mesh closer to the vessel/ring 

contact interface. The outer wall had 1 element in thickness and the inner had multi-

ple. For the 1st case, 4 elements were needed while for the other two, 2. This reflects 

on the dimensions of the vessel rather than its distensibility. The need for a denser 

mesh in the 1st vessel is the result of a bigger 𝑡ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠
𝑑𝑖𝑎𝑚𝑒𝑡𝑒𝑟⁄  ratio. In the following 

simulations the number of ele-

ments has been adjusted ac-

cordingly between 2-4 elements 

on the inner vascular layer. 

Lastly, the central region of the 

vessel, which corresponds to 

the ring deployment region, 

was also denser, with the axial 

length of the elements being 

equal to their radial dimension.  

 Both meshes are illus-

trated in Fig. 4.9. 

Fig. 4.9 The converged meshes. The elements at the 

saddles are shorter as well as at the vessel’s inner and 

central region. Note that the wires and bundle share 

the same meshing along the circumference of the ring. 
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4.2.3 Analytical validation 

 

As already mentioned, an important feature of the AnacondaTM device is that 

due to the manufacturing process of bending the wire into a circle, pre-strains are 

present even in the undeformed configuration of the stent (i.e. before compaction). 

As a result, one major objective of the current work is to correctly represent those 

effects by the inclusion of a pre-strain load step. This process was analytically vali-

dated by comparing the strain 𝜀 of several bundle rings at the end of the circular 

forming phase with the analytical values of the formula:  

 
𝜀 =

𝑊𝑖𝑟𝑒𝑅𝑎𝑑𝑖𝑢𝑠

𝑅𝑖𝑛𝑔𝑅𝑎𝑑𝑖𝑢𝑠
                (4.6) 

which refers to the maximum strain of a Bernoulli beam under pure bending.  

As the available devices cover a wide range of dimensions, four rings were 

used as representative from the variety of combinations of wire thickness and bundle 

diameter (Table 4.4). These rings will also be used later in the study.  

 

Table 4.4 Configuration of the 4 bundle rings used in the validation process (see Fig. 4.4 for 

the variable definitions).  

Variables Ring 1 Ring 2 Ring 3 Ring 4 

Wire Diameter (mm) 0.180 0.160 0.220 0.200 

Ring Mean Diameter (mm) 27.02 33.16 39.25 48.09 

Number of Turns 10 8 14 9 

Bundle Diameter (mm) 0.69 0.53 0.95 0.72 
 

 

After bending the straight wires into a circular ring, the magnitude of the 

strains was found to be significant, generally in the order of 0.4-0.7 · 10-2 and the FEA 

model predictions varied less than 0.1% from the analytical solution (4.6) for all four 

rings. This response offers great confidence regarding the accuracy of the initial load 

step in the capturing of pre-strains.  

 



115 
 

4.2.4 Saddle pull test validation 
 

In the literature, different experiments have been used to evaluate the total 

radial force produced by the stent in the form of the radial resistive force (RRF) or the 

chronic outwards force (COF). Gong et al. [73] used a crimping loop both in a labora-

tory and FEA environment, García et al. [177] simplified the process using compres-

sive plates only on a numerical model, while others have used a homogeneously 

shrinking outer surface [85,180] or even a single-strut compression set-up [69] to 

simulate the overall radial compression.  

Nevertheless, in this study, an alternative experimental configuration was 

deemed more appropriate for the Ring Model validation because of the uniqueness 

of the bundle geometry that can easily lead to instabilities. Towards that end, the 

results of a test conducted by Terumo Aortic in May 2013 were used.  

The four rings mentioned in section 4.2.3 were tied at four equidistant points 

along their circumference and were loaded in such a manner that the deformed 

shape in vivo, termed ‘saddle shape’, was replicated (Fig. 4.10). This setup will be 

referred to as the ‘saddle pull test’.  

Apart from providing a stable configuration, this test has the additional ad-

vantage of being separated of any radial contact, hence allowing the bending process 

within the bundle to be independently evaluated, something not true for the majority 

of other radial force testing approaches.  

During the experiment, each bundle was attached to four pairs of polyeth-

ylene strings (each pair had one descending and one ascending fibre) with an average 

stiffness of 7.41 N/mm per 100 mm length. The strings were connected to a Tinius 

Olsen H5KS tensile testing machine with a 50 N load cell calibrated in the range of 

0.5-50 N. The force accuracy was 0.5% of the applied load and the displacement ac-

curacy was in the range of 0.002 mm. After preconditioning, the bundle was pulled 

to an extreme (to simulate the strains developed during compaction) before being 

partially unloaded and cycled for 100 cycles, between a position of high in-vivo de-

flection and a position of low in-vivo deflection (representing two extreme EVAR sce-
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narios). Cycling between these positions resulted in capturing the entire range of sad-

dle shapes possible for that ring in any target vessel. In reality, any particular ring 

motion range will be far smaller as it will be governed by the motion of one vessel. 

Every bundle configuration was tested with three samples at 37 °C and the 

average values for their dimensions are the ones reported in Table 4.4 [184]. Note 

that the uniaxial cycling of the machine induced a radial deformation to the tested 

rings; this deformation replicated the pulsatile movement of the endograft inside the 

aorta. As a result, the experiment offers an insight into the overall structural stiffness 

of the bundle in its operational state, allowing the general response of the structure 

to be quantified.  

This set-up was replicated in Abaqus for the conduction of the validation. Each 

string was simulated with the use of an Axial Connector, a special type of element 

that provides a connection between a pair of nodes without restricting any compo-

nent of relative motion. Instead, the relative displacement is measured and stiffness 

is added along the line separating the nodes. It should be noted that in the FEA model 

Fig. 4.10 The experimental set-up of the saddle pull test. In the schematic, pairs A,C and B,D 

represent the peaks and valleys of the ring bundle. 

 

Heat test  
chamber  

Tinius Olsen H5KS  
tensile machine  

Nitinol ring 

Polyethylene  
string 
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only four connections were used for each polyethylene string with double the afore-

mentioned stiffness, hence:  

1482

𝑡𝑜𝑡𝑎𝑙 𝑙𝑒𝑛𝑔𝑡ℎ

𝑁

𝑚𝑚
, where 𝑡𝑜𝑡𝑎𝑙 𝑙𝑒𝑛𝑔𝑡ℎ = √1702 + 𝑅2 as shown in Fig. 4.10.  

All strings were attached to one turn of the bundle while a reference point served as 

the load cell. The peaks and valleys of the bundles were fully restricted rotationally 

considering that the strings used to pull the bundles greatly restrained the wire’s ro-

tation. Although, in reality, the tangential restriction (Rotationx=0 for points A, C and 

Rotationy=0 for points B, D – see Fig. 4.10 for locations) may not be equal to zero, a 

value close to zero is reasonable to assume since the rotation of the saddles is sever-

ally restrained due to the sutures, the friction of the string ties and the wire to wire 

interaction (Fig. 4.11).  

Through the FEA results (Video 4.2), force-displacement data were acquired 

to perform the validation. As can be seen in Fig. 4.12, the computational results of 

the force-displacement curves follow the trend of the experimental graphs and at the 

region of interest (i.e. the cycling part of the loading which corresponds to the in vivo 

conditions of the stent graft inside the aorta), are in good agreement with the exper-

imental values. Discrepancy of the FEA analysis when compared to the experimental 

load cell measurements at the cycling region for each bundle is reported in Table 4.5. 

 

Fig. 4.11 The sutures (white ties) and the polyethylene strings (yellow fibres) attached to a 

bundle ring to be tested.  
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Video 4.2 The saddle pull test simulated in Abaqus/Standard. For the video, refer to the pdf 

version.  
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Fig. 4.12 Comparative results of all four rings tested. The grey area corresponds to the stand-

ard deviation of the experiments while the coloured regions represent the regions of interest 

for each bundle ring. 

 

Table 4.5 Deviation of the FEA force-displacement response from the corresponding experi-

mental results for each bundle ring at its operational region. 

Ring FEA deviation in force from the 

experimental mean values 

Ring 1 3.2 – 5.4 % 

Ring 2 1.5 – 7.0 % 

Ring 3 1.2 – 3.3 % 

Ring 4 0.0 – 4.1 % 
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The three samples of each bundle configuration produced a noteworthy 

standard deviation during the experimental testing. This variation can be associated 

with small dimensional discrepancies of the samples (referring to the bundle ring di-

ameter in particular) and the non-standardized way of tying the turns of each bundle 

together. Despite this, it is evident that FEA predictions closely lie in the experimental 

result regime. The model predictions for Ring 3 and 4 are inside the standard devia-

tion margin of the experiments while the predictions for Ring 1 and 2 differ by 0.6% 

and 1.1% from the upper limit, respectively. 

These discrepancies were directly related to the diameter of the wire; the 

thinner the wire, the greater the difference from the experimental values. The fact 

that the wire diameter greatly affects the results comes as no surprise since the test-

ing evokes primarily bending and it is well known that the radius of a wire dominates 

its bending moment.  

Moreover, it is interesting to note that in all cases the model is stiffer than the 

experimental bundle; hence, the reported values can infer a force overestimation re-

sulting from the strict confinement of the rotational degrees of freedom at the peaks 

and valleys of the bundle ring.  

 

In order to quantify the effect the manufacturing process has on the global 

stiffness of the bundle ring, a second set of Nitinol bundles that did not account for 

the manufacturing strains was compared against the experimental results. Repeating 

the previous analysis while excluding pre-strains (rings were not created from straight 

wires but instead, considered initially as circles) can illustrate the importance of this 

modelling approach (Fig. 4.13 and Table 4.6). 

In the case where the ring forming manufacturing process of wire bending has 

not been taken into account, the structure is stiffer. The reason for this is that before 

the pulling forces are applied, the material of the bundle is zero stressed and as a 

result can undertake greater strains before entering Nitinol’s plateau (for example 

Fig. 4.13 suggests that Ring 4 has not yet entered the martensitic region since no 

hysteresis is observed). Since the bundle spends more time in the elastic region, it  
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Fig. 4.13 Comparative results of all four bundles. No manufacturing pre-strains applied. The 

grey area corresponds to the standard deviation of the experiments while the coloured re-

gions represent the regions of interest for each bundle ring. 

 

Table 4.6 Deviation of the FEA force-displacement response from the corresponding experi-

mental results for each bundle at its operational region. Model with no manufacturing pre-

strains. 

Ring FEA deviation in force from the 

experimental mean values 

Ring 1 22.7 – 26.3 % 

Ring 2 16.8 – 22.8 % 

Ring 3 17.0 – 20.0 % 

Ring 4 14.0 – 18.8 % 
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can exhibit greater stiffness when compared to the superelastic response the pre-

strained bundle ring presents. It is noted that for the material parameters being used 

herein, the strain limit of the linear region of austenite Nitinol for 37 oC is 1.08%. 

Lastly, it is mentioned that the analysis time of the saddle-pull validation was 

less than 4 minutes per case.  

 

4.2.5 Comparison with a continuum model 

 

 A further exploration of the validity of the model lead to a comparison against 

another FEA model that makes use of continuum elements. After Hall and Kasper 

[185] showed that beam elements can produce similar results with continuum ele-

ments with respect to radial force estimations, many studies have taken advantage 

of the reduced computational cost of the former. Nevertheless, continuum elements 

are considered the standard for accurate FEA representation and herein a compari-

son with such a model is conducted to evaluate not only COF but maximum 𝜀𝐷𝑖𝑎𝑠𝑡, 

𝜀𝑆𝑦𝑠𝑡, 𝛥𝜀 and 𝛭𝜀 as well.  

 The continuum model that was employed for the comparison was developed 

in the PhD studies of Bow and details can be found in [76]. The model used double 

symmetry to describe the ring bundle and contrary to the superposition used herein, 

all the Nitinol turns were explicitly modelled, allowing for a cross sectional wire dis-

tribution (Fig. 4.14). This lead the wire turns to have different initial lengths with each 

other and different curvatures during the analysis. Other dissimilarities between that 

model and the one developed herein include differences in the contact formulation 

against the vessel and necessary boundary restrictions for stability. Apart from that, 

the two models were set up to simulate the four rings used in the previous section 

(Table 4.4) in full compaction, deployment and pulsation under the same conditions.  

Because the continuum model distributes the wire turns in space, direct mod-

elling of the bundle rings used above (i.e. multi-turn rings) brings more variability to 

the comparison than the mere differences of the finite elements in use. For that, each 
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bundle ring was modelled both in a multi-turn and a 1-turn version. The former cor-

responded to the real bundle and the latter served as a 1 on 1 comparison of the 

models. Note that the 1-turn version of Ring 4 was severely slender and unstable, 

hence it was excluded from the analysis.  

As can be seen in the results, the individual turns of the continuum model act 

separately and each one experiences both tension and compression due to bending 

(Fig. 4.15 a). Likewise, the overlapping turns of the beam model experience a very 

similar strain state to the distributed turns of the continuum model (Fig. 4.15 b,c); 

some section points of the beam are under tension and some under compression, 

supporting the modelling choice of superimposing the Nitinol wires (illustrated in Fig. 

4.3 c). 

Fig. 4.14 The continuum element model of Ring 4, as developed in [76]; with permission. 

 

To quantify the difference between the modelling approaches, the % variation 

between the turn(s) of the continuum model and the beam model were measured 

on the parameters of interest; we call this quantity 𝑉𝑎𝑟 (baseline is considered to be 

the continuum model). For the 1-ring cases, 𝑉𝑎𝑟 was a single value, but for the multi-

turn cases it was an array, and averaging was conducted (𝑉𝑎𝑟). The mean and stand-

ard deviation of the 4 ring cases were calculated either on 𝑉𝑎𝑟 or on 𝑉𝑎𝑟 and results 

are reported in Table 4.7.  
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Fig. 4.15 Each turn of the continuum model experiences tension and compression (a). Simi-

larly, the overlapping turns of the beam model have some integration points under tension 

(b) and some under compression (c).  

(a) 

 

 

 

 

 

 

 

 

 

(b) 

 

 

 

 

 

 

 

 

(c) 
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Table 4.7 Mean ± standard deviation of the % variation between the turn(s) of the continuum 

model and the beam model. Negative values signify beam model’s under-estimation when 

compared to the continuum model. For the 1-turn model, Ring 4 has been excluded from the 

results.  

Variables 1-Turn Model Multi-Turn Model 

Maximum 𝜀𝐷𝑖𝑎𝑠𝑡 -2.2 ± 1.1 -5.3 ± 2.7 

Maximum 𝜀𝑆𝑦𝑠𝑡 -0.9 ± 1.6 -3.4 ± 2.5 

Maximum 𝛥𝜀 29.0 ± 11.9 23.1 ± 17.6 

Maximum 𝑀𝜀 -3.2 ± 1.1 -5.2 ± 1.9 

COF (N) 0.0 ± 1.1 2.2 ± 1.1 
 

 

 

 As can be seen in the 1-turn cases, there is a small underestimation of the 

beam model prediction of the maximum 𝜀𝐷𝑖𝑎𝑠𝑡, 𝜀𝑆𝑦𝑠𝑡 and 𝛭𝜀 in the order of 1-3% 

when compared to the continuum model’s results. Nevertheless, 𝛥𝜀 discrepancy is 

significantly higher and consistently positive meaning that the beam model captures 

a worst case scenario of fatigue. Given that delta strains are an order of magnitude 

smaller than the rest of the strains, it is expected to be more sensitive to small varia-

tions of the 𝜀 outputs. It is hypothesized that the differences in the boundary re-

strictions of the two models primarily explain this discrepancy.  

For the multi-turn cases, the standard deviation of the results increases as 

expected and for 𝛥𝜀 reaches 17.6%. The rest of the variables remain similar for the 

two models. Note that no trend was observed between 𝑉𝑎𝑟 (or 𝑉𝑎𝑟) and the ring 

size, or the number of wire turns present in each case.  

Regarding the beam model, strains were higher in the 1-turn versions because 

the ring was less stiff, so it stayed more compacted (for 𝜀 measurements) and hence 

more affected by the vessel pulsation (for 𝛥𝜀 measurements). The latter observation 

was also true for the continuum model, yet regarding maximum strains, the opposite 

was detected: the multi-turn cases of the continuum model produced higher maxi-

mum 𝜀 than their respective 1-turn models probably because their turns are distrib-

uted, i.e. the turn with the highest curvature in the multi-turn case it is believed to 

be under more severe bending than the turn of the 1-turn versions. Note that in all 
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cases, the maximum strains were developed in the saddles and were in the range of 

0.7 – 1%.  

Since the shell bundle of the beam model occupies the same space as the real 

bundle, the positioning of the ring inside the vessel is captured correctly. However, 

because all wire turns are lying in the centre of the bundle, they all share the same 

stress and strain state. This is a limitation of the model developed in this study; from 

a fatigue perspective, the worst-loaded ring (i.e. the ring in which the greatest 𝛥𝜀 is 

produced) will most probably be missed by the analysis. Nevertheless, whether a con-

tinuum model can do that accurately is equally questionable.  

The high value of standard deviation of 𝛥𝜀 reported in Table 4.7 reflects the 

significant intra-variance present in the continuum model. In more detail, it was ob-

served that the turn with the highest 𝛥𝜀 exhibited anywhere from 8% (for Ring 2) to 

45% (for Ring 3) higher delta strains than the turn with the lowest 𝛥𝜀 on the same 

continuum ring; these values seem surprisingly large for turns that share so similar 

conditions and raise the need for further investigation.  

As already mentioned, the continuum model is a quarter ring model and un-

avoidably has symmetry constraints; these are different from the beam model’s 

which is not totally symmetrical. On the contrary, and in agreement to the physical 

bundle, the beam model has a weld connection to link the two ends of the wire, 

breaking the symmetry of the circle. Furthermore, the last boundary condition of the 

(4.2) set of equations, which prevents the axial rigid body movement of the ring, also 

imposes non-symmetric conditions separating the saddles into peaks (which are axi-

ally constrained) and valleys (which are free to move axially). This feature lead the 

maximum 𝛥𝜀 to be consistently developed in the valleys of all the beam bundle rings. 

For the continuum bundle rings though, which were axially restricted from a mid-

point (allowing both the peaks and valleys to move axially), maximum 𝛥𝜀 was devel-

oped not only on but close to the saddles as well. Whether the actual location of the 

maximum 𝛥𝜀 resides exactly in the saddles of the bundle ring or not has not been 
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shown experimentally given the difficulty of such experiment. In all cases, the maxi-

mum 𝛥𝜀 of both models was around 0.1%, well below the 0.4% value which has been 

reported in the literature as threshold for Nitinol fatigue fracture [69]. 

When examining the strain distribution along the entire length of the wires, 

the models produce similar results as well (Fig. 4.16). The boundary conditions al-

ready discussed, result in a symmetric quarter continuum model that is repeated 

along the circumference, something not true for the beam model in which peaks and 

valleys are distinguishable. The variance of the models, though, minimizes when ex-

amining the strain of greatest interest, i.e. the maximum one. 

 

 
 

Fig. 4.16 Maximum principle strain along the length of wire. Ring 1 in the 1-turn case is being illus-

trated, at diastole. The peaks of the graph correspond to the peaks and valleys of the ring, while the 

lows correspond to the midsections between the saddles.  

 

 The COF was the variable with the least variation between the models, having 

no practical difference in the 1-turn cases and varying by 2.2% at the multi-turn ones. 

And this, despite the unavoidable difference in the second moment of area between 

the two models. As a result, and in accordance with previous studies on different 
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stent designs [180,185], it can be concluded that beam and continuum elements are 

equally capable of predicting the COF of the AnacondaTM stent graft. 

Overall, the models are in very good agreement with each other, despite their 

inherent differences. Unfortunately, no experimental values are available for the 

strains (and especially the delta strains) the bundle ring exhibits, hence the true value 

of the tested variables is unknown. The small variation between the two models, 

though, provides confidence for the range in which the results lay.  

The runtime for the 1-turn cases slightly favoured the continuum model. How-

ever, in the multi-turn cases, the continuum model was 7-23 times slower than the 

beam one. Furthermore, it should be noted that the addition of turns at the beam 

model did not add any measurable computational cost; on the contrary, runtime for 

most cases was reduced when the number of turns increased thanks to a stiffer, and 

as a result more stable, ring. This suggests that the model is very adequate for scaling, 

i.e. the simulation of the full device. 

 

4.3 Effects of oversize and friction coefficient 
 

With the 1-ring model validated, radial forces and strains can be examined 

under conditions similar to the EVAR approach. In this section, the oversize and fric-

tion coefficient effects between the stent and the vessel are investigated, since both 

variables impose uncertainties in clinical practice.  

As stent oversize, we define the percentage by which a stent is larger than the 

target vessel:  

𝑜𝑣𝑒𝑟𝑠𝑖𝑧𝑒 = (
𝑅𝑖𝑛𝑔𝐷𝑖𝑎𝑚𝑒𝑡𝑒𝑟

𝑉𝑒𝑠𝑠𝑒𝑙𝐷𝑖𝑎𝑚𝑒𝑡𝑒𝑟
− 1) · 100% 

  (4.7) 

This practice is common in EVAR as it enhances sealing and anchoring, yet no opti-

mum oversize value is specified in the literature. Herein, a sensitivity study was per-

formed to allow stent responses to be explored. On a similar basis, the friction coef-

ficient 𝜇, defined as:  

𝜇 =
𝐹𝑠ℎ𝑒𝑎𝑟

𝐹𝑅
 (4.8) 
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at the Nitinol-vessel interface (Fig. 4.17) is not well understood and few studies have 

tried to explore the interaction. Therefore, the present work considers a range of 

values of the coefficient 𝜇 allowing for the variation in the response of the deployed 

stent to be revealed. 

The stiffest bundle ring validated, i.e. Ring 1, was used for the study. The ring 

was fully compacted into a sheath of 6.7 mm and deployed into seven straight tubes 

of length equal to 1.9 · ring diameter – so as to be long enough to leave the ends 

unaffected. The diameter of the vessel was each time chosen so as to produce the 

desired stent/vessel oversize at a mean arterial pressure 𝑃𝑚 = 93.3 𝑚𝑚𝐻𝑔. Each of 

these sections had a different wall thickness so that each vessel, despite its size, 

would have the same radial stiffness i.e. the same pressure-radius response. The ves-

sel was cycled 10 times between a diastolic (80 mmHg) and a systolic (120 mmHg) 

pressure to establish equilibrium before any result was exported. The variables in 

question were the COF of the ring (at systole), responsible for sealing and (partly) 

anchoring and the 𝛭𝜀 developed in the ring between diastole and systole.  

The friction coefficient, 𝜇, for all the examined cases, is reported in Table 4.8 

and covers a spectrum of practically frictionless (Case 1) up to high friction conditions 

(Case 5). These values are in the range of values commonly found in the literature 

Fig. 4.17 Analysing the exerted force. 

Exerted Force   𝐹𝑅    

𝐹𝑠ℎ𝑒𝑎𝑟 
𝜃 
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[94,163–165,178,186]. Finally, the stent oversize ratios stepped from 10%-40% in 5% 

increments.  

All simulations were run on 4 Xeon© cpus of a desktop computer (3.40GHz, 

64GB) and the analysis time was between 150 to 470 minutes depending on the ves-

sel size.  

 

Table 4.8 Friction coefficients for all cases tested. 

𝝁 

Case 1 Case 2 Case 3 Case 4 Case 5 

0.005 0.05 0.1 0.3 0.5 

 

For all cases examined, the lower the friction coefficient was, the greater the 

COF became for a given oversize (Fig. 4.18 top). Moreover, at some friction coefficient 

value below 0.3, the COF started to be practically constant, so that for coefficients 

less than 0.1, the COF was almost unaffected by oversize. The proximity of the results 

acquired when using friction coefficients 0.05 and 0.005 suggests that the whole COF 

line converges for low coefficient values.  

Friction coefficient affects COF because COF takes into account only the radial 

component, 𝐹𝑅, of the exerted stent force (Fig. 4.17). When friction coefficient re-

duces, the ring becomes flatter and the angle 𝜃 of the exerted force increases, in-

creasing the chronic outward force.  

Looking at the whole friction range, an increase of the coefficient from 0.005 

to 0.5 results in a COF decrease anywhere from 40% to 16% depending on the over-

size. It may also be noticed that the difference between all cases reduces at higher 

oversize ratios.  

Contrary to COF, maximum 𝛭𝜀 (Fig. 4.18 bottom) increases linearly with the 

increase of oversize. Moreover, friction coefficient has a minimal effect on 𝛭𝜀, with 

higher values of 𝜇 producing higher ring strains. The rationale of this effect is the 

same as above. Lower friction coefficients lead to a flatter ring which induces smaller 

bending on the bundle, leading to lower 𝛭𝜀. This effect, though, is small compared 
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Fig. 4.18 COF (top) and maximum 𝛭𝜀 (bottom) versus bundle ring oversize for Ring 1, exam-

ined under various friction coefficients.  
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to the effect oversize has on strains. An increase of the coefficient from 0.005 to 0.5 

increases 𝛭𝜀 by an average of 8% while an increase of the oversize from 5% to 40% 

raises strains by an average of 122%. The different behaviour of COF and 𝛭𝜀 is a re-

sult of Nitinol’s superelasticity. Since the high strain regions of the bundle operate in 

the martensitic plateau, changes in the shape of the ring will result in changes in the 

developed strains without an equally strong effect on the exerted forces.  

In the literature, it is common for numerical models to use both low and high 

friction coefficients such as 0.06 [163], 0.1 [178] or even 0.4 [94,165]. Following a 

more sophisticated route, Mouktadiri et al. changed the friction coefficient of the 

interaction according to the degree of calcification of the internal layer of the artery 

from 0.05 to 0.5 [164]. Very few of the available studies, though, support the choice 

of their friction coefficient with experimental data. One tribological, laboratory study 

which examined the topic was conducted by Dunn et al. [187] and the friction coeffi-

cient between bovine aortic endothelial cells and a polished glass surface was meas-

ured to be in the range of 0.01-0.07. In addition to the fact that these values may not 

reflect the Nitinol-artery interaction though, it was also noted that hypertension as 

well as pressure from the deployed stent may result in cell death or removal, leading 

to alteration of the underlying friction. All of the above reflect the need for more tests 

in order to explore the vessel/stent interaction experimentally.  

On a different approach, despite the common practice of considering one 

fixed value of 𝜇 for the stent/vessel interface, Vad et al. [186], reported that the fric-

tion coefficient depends on the oversize ratio of the stent in an inversely proportional 

way. Their methodology involved performing experimental pull-out tests of stent 

graft devices from polymer tubes, and using the pull-out force results, they derived 

friction coefficients for the device-vessel interaction using both an analytical method 

and FEA simulations. Although their analytical results differed by one to three orders 

of magnitude from their simulation ones, the trend of the coefficient with oversize 

was similar in both. Their results should, however, be used with caution: considerable 

assumptions were made in order to model the device-vessel interactions with no val-

idation provided. Nevertheless, during our preliminary studies, a series of tests were 
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conducted according to the assumption that friction coefficient decreases with in-

creasing oversize. Although not presented herein, the results showed that a variant 

friction coefficient had minimal effect on COF when compared to the major influence 

the friction magnitude itself had on the results.  

The values of COF produced herein are in the range found in the literature 

[70,178,186]. Furthermore, the plateau of COF, strongly present in the lower friction 

coefficient cases, can be attributed to both the geometrical non-linearities of the de-

ployed bundle ring and the material non-linearities of Nitinol which operates in its 

plateaued region. Moreover, a gradual reduction of the contact area of the stent/ves-

sel interaction was noticed at increased oversizes, probably the result of the distribu-

tion of radial forces. As the oversize increases, the magnitude of 𝐹𝑅 at the saddles 

decreases (Fig. 4.19).  

In the study of Sternbergh et al. [188], 351 AAA patients treated with Z-stents 

were examined and it was reported that those with stent oversize above 30% expe-

rienced a 14-fold increase in migration events compared to those with oversize below 

that threshold. Similarly, Kratzberg et al. [189] noted that for barbed stent grafts, 

higher oversizing leads to a decrease in attachment strength. These results show that 

an increase in oversize might bring unwanted phenomena some of which could pos-

sibly be explained by a rearrangement of the radial forces.  

Similarly, neck dilation has also been linked to migration [57]. It is interesting 

to note, though, that if neck dilation is independent of the EVAR execution, as some 

studies have suggested [25,190], this might explain why surgeons prefer larger stents: 

if the treated vessel dilates post-operatively no matter the endograft, a larger stent 

is not chosen to produce greater COF but to ensure sealing in the new, enlarged ves-

sel configuration (which will lead to lower final oversize and different 𝐹𝑅 distribution). 
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4.4 Cross section study  
 

In most numerical analyses of endografts, vessels are treated as circular 

tubes, yet the assumption of circularity does not always hold true when examining 

CTA scans of the aorta, as demonstrated in Section 3.1.4.  

Fig. 4.19 COF distribution at the 10% (a) and 40% oversize configuration (b) for Ring 1 at 0.05 

friction (force in N). The saddle region highlighted experiences a significant reduction 

in radial forces as the oversize increases.  
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Apart from the fact that vessels do not always come in circular shapes, the 

existence of calcification can further affect the shape of the lumen and as a result, 

the boundaries of the deployed de-

vice. Furthermore, even when the 

cross-section is circular, it’s possible 

that some of the rings of the endograft 

may not deploy perpendicularly to the 

axial direction of the vessel, leading 

them to experience elliptical bound-

ary conditions (Fig. 4.20).  

Despite these observations, al-

most every investigation of the me-

chanical response of stent deploy-

ment is carried out assuming circular 

boundary geometries (for some re-

cent examples refer to [84,162], 

[178,191]). Even where analysis of 

plaque is attempted [83,161,177] or 

patient specificness in taken into ac-

count [163], the assumption of a circu-

lar luminal cross section is maintained. 

Some researchers [192] have proposed the development of tools to take into account 

all geometrical irregularities of vessels, while others have developed such algorithms 

[193] when reconstructing the aortic geometry from 2D data. However, no stent de-

ployment was taken into account in these studies. It should be mentioned that when 

investigators use non-idealized patient specific data to reconstruct the aorta, they do 

encounter non-circular cross sections [164,165], yet, to the author’s knowledge, no 

detailed study has been reported regarding the effect this aspect may have on the 

endograft.  

Fig. 4.20 The circular cross section of the aorta 

when examined in a plane perpendicular to its 

centreline (section A) appears to be elliptical in 

a tilted plane (section B). 
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 Because fatigue life as well as anchoring and sealing of the stent may by com-

promised by the ovality of the cross-section of the vessel, the issue was investigated 

further. In this section, an idealised approach of the non-circularity of the artery has 

been followed by assuming a series of elliptical vessels in the range of ellipticity val-

ues identified in Section 3.1.4. In each vascular section, Ring 1 was deployed assuming 

𝜇 = 0.3 (as the smallest friction coefficient that is not constant over the oversize 

range). The vessel was pressurised between diastole (𝑃𝐷𝑖𝑎𝑠𝑡  = 80 mmHg) and systole 

(𝑃𝑆𝑦𝑠𝑡 = 120 mmHg) and the maximum ring strain and COF were examined at the end 

of the systolic phase. The delta strain between systole and diastole was also exam-

ined but no direct results will be presented for commercially sensitive reasons; in-

stead, qualitative remarks will be made.  

Fig. 4.21 The elliptical ratio changed from 1 (green circle) up to 0.77 (black ellipse). For every 

one of the ellipses, a circle with diameter equal to its minor axis (blue dotted circle) and an 

average diameter circle (brown dashed circle) were examined. Additionally, 3 angles of de-

ployment were studied for each elliptical section. 
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A straight tube of original thickness of 2 mm was constructed to represent the 

neck of the aneurysm. By altering the semi-minor axis, 𝑅1, of the cross section, the 

elliptical ratio was adjusted according to the equation (3.3), where 𝑅1 = semi-minor 

axis of the ellipse and 𝑅2 = semi-major axis (Fig. 4.21).  

Starting from the value of 1, representing a circle, 4 more equidistant ratios 

were examined down to the value of 0.77, the most extreme ratio identified in the 

patient dataset of Chapter 3. Because of the geometry of the ring, for each ellipse, 3 

cases regarding different deployment positions were studied: (i) with the peaks and 

valleys of the ring being aligned with the axes of the cross-section, (ii) with the ring 

peaks at 22.5o angle and (iii) with the ring peaks at 45o
 (refer to Fig. 4.21) For sym-

metry reasons, the 0o and 45o are the extreme cases of rotation about the axial di-

rection of the vessel. Additionally, two more cases were examined for each ratio dif-

ferent to 1; these were the circular cross-sections of a vessel with radius equal to 𝑅1, 

hereafter called minor circle, as well as a circular vessel with an average diameter of 

𝑅1+𝑅2

2
. 

The reason for examining the circular cases was to compare the ellipses with 

the results that would occur if common circular approximations were followed. The 

original circle represents the case of approximating the ellipse with its major axis, the 

minor circle corresponds to the minor axis approximation and the average circle lies 

in between.  

A 5% oversize of the ring at mean pressure of 𝑃𝑚 = 93.3 𝑚𝑚𝐻𝑔 was initially 

assumed. It should be highlighted, though, that this value relates only to the initial 

circular vessel. Since the same ring is used for all vessel models, greater oversize ra-

tios will be acquired for all cases but the first (for the smallest minor circle oversize is 

37% while for the smallest average circle 19%). By altering the thickness, all vessels 

exhibited the same stiffness. 

The total number of models was 21 (9 cases of circles + 4 cases of ellipses · 3 

deployment angles) and the specifications for each one are summarized in Table 4.9. 

All simulations were run on 6 Xeon© cpus of a desktop computer (3.40 GHz, 64 GB) 

and the analysis time was between 80 to 226 minutes depending on the vessel size.  



138 
 

Table 4.9 Cross-section specifications of the vascular section. Values are reported in mm at 0 
Pa. 

Ellipses Circles 

Elliptical Ratio 𝑹𝟐 𝑹𝟏 Minor Circle 𝑹  Average Circle 𝑹  

1.00 9.98 9.98 9.98 9.98 

0.94 (average) 9.98 9.38 9.38 9.68 

0.89 9.98 8.88 8.88 9.43 

0.83 (min average) 9.98 8.28 8.28 9.13 

0.77 (min) 9.98 7.68 7.68 8.83 
 

 

In all models examined, the maximum strain of the Nitinol wires increased 

while the elliptical ratio decreased (Fig. 4.22). The reduction of one axis of the cross 

section lead to a steady rise in strains. However, when considering the minor circle, 

it becomes apparent that a symmetrical shrinkage results in a much faster increase 

of strain. 

The worst case ellipse had 1.91% maximum strain and if the major axis ap-

proximation was followed, the strain would be underestimated by 51.2%. In contrast, 

the minor axis approximation would result in a 64.2% overestimation. Regarding the 

average circle, an underestimation is also observed but it is insignificant (1.3%). If we 

consider the average elliptical ratio (𝐸𝑅 = 0.94), the major axis approximation un-

derestimated strains by 18.7% and the minor axis approximation overestimated them 

by 16.5%. The average circle was once again very close, just 3.3% above the elliptical 

value. 

 During the analysis, delta and mean strains were also acquired and the trends 

observed were the same as in the maximum strain. At the extreme ratio of 0.77, the 

average circle underestimated delta strains by 7.8%, while the minor circle overesti-

mated them by 26.8%. 

 A similar variation was observed for the total radial force (Fig. 4.23). The major 

axis approximation underestimated COF by 13.7% at the 0.77 ratio and by 2.4% at 

the 0.94 ratio. In contrast, the minor circle overestimated COF by 6.1% at the 0.77 

ratio and by 6.3% at the 0.94 ratio. The average circle laid 3.2% below the extreme 

elliptical value and 2.4% below the average one.  
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Fig. 4.22 Maximum strain developed on the ring at systole. Ring deployed in all circles and 

the ellipses at 0o degrees.  
 

 

Fig. 4.23 Chronic outward force of the ring at systole. Ring deployed in all circles and the 

ellipses at 0o degrees.  

 

When examining the differences that arise once the deployment angle 

changes, results are less sensitive. COF does not change more than 1.5% at any con-

figuration (Fig. 4.24) while maximum strain stays below a 2% variation (Fig. 4.25). 

Delta strain, though, appears more sensitive, especially below the 0.83 elliptical ratio 

and it reached a minimum at 45o. The reason is that a non-circular cross section under 
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homogeneous pressure will inflate inhomogeneously, meaning that the positioning 

of the device will have an effect in the fatigue life of the stent. The stent ring was 

observed to develop its maximum 𝛥𝜀 at the valleys, and it was concluded that the 

saddles are better not to align with the axes of the ellipse, given that the major diam-

eter difference occurs at the major axis of the cross section.  
 

 

Fig. 4.24 Chronic outward force of the ring at systole. Ring deployed in the ellipses at various 

angles.  
 

 

Fig. 4.25 Maximum systolic strain developed on the ring at systole. Ring deployed in the el-

lipses at various angles.  
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4.5 Moving towards multiple rings 
 

The development of the 1-ring model has proven to be very useful in the in-

vestigation of critical parameters for the success of EVAR. In addition though, it has 

opened the way for multi-ring modelling. The creation of AnacondaTM sections (i.e. 

multiple connected rings) can be seen as an initial step towards a full device model. 

It can help understand the challenges present in the complete endograft modelling 

and allow the examination of ring-to-ring interactions.   

Perhaps not surprisingly, the main challenge for such a transition lies in the 

connection between the rings themselves. In reality, the fabric of the device serves 

not only as a boundary for the blood flow but also as the structural element that 

unites the endograft. Nevertheless, initial analysis showed that the geometrical non-

linearity of the fabric imposes great instabilities to the system impeding the advance-

ment of the model. The issue was eventually addressed with the development of a 

separate model discussed in Chapter 5. Herein, though, the use of alternative con-

nectors was investigated.  

In order to model the scaffolding of the device (i.e. the metallic part only), 

consecutive rings were connected with Axial Connectors at their peaks and valleys 

(Fig. 4.26 a). In general, connector elements implement kinematic constraints be-

tween the nodes they are assigned to and Axial Connectors, as has already been men-

tioned in the saddle pull test, provide a connection between two nodes where the 

relative displacement is along the line separating the two nodes (it is a spring-like 

behaviour).  

The connectors were assigned non-linear properties to account for the slack, 

i.e. the excess of fabric, between the rings. Particularly in extension, it is evident that 

the rings have an initial ease to move apart before the fabric becomes fully extended. 

The fabric examination presented in Section 5.2 was used to assist the definition of 

these connectors. Each connector had stiffness 𝑘 = 0.5 N/mm for the first 13.5% of 

the distance between the rings and then stiffness was increased considering the lon-

gitudinal elastic modulus 𝐸𝐿 of the fabric. In more detail, if 𝐹 represents the tensile 

forces acting on a fabric tube of radius 𝑅 and thickness 𝑡, then:  
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𝐹 = 𝜎𝛢 = 𝜀𝐸𝐿𝛢 =
𝑥

𝑅𝐷
𝐸𝐿2𝜋𝑅𝑡 (4.9) 

for an 𝑥 displacement of the initial distance 𝑅𝐷, which is the distance between two 

consecutive rings. Hence, the stiffness, 𝑘, can be obtained from: 

𝑘 = 𝐸𝐿

2𝜋𝑅𝑡

4𝑅𝐷
 

  (4.10) 

for 𝐸𝐿 = 225 MPa and 𝑡 = 0.15 mm. Note that the 4 in the denominator exists because 

four connectors are being used.  

 The existence of the fabric also restricts rings from flattening out. Each ring, 

even at rest, has a characteristic saddle shape when sutured to the device. To recre-

ate this effect, the peaks and the valleys of each ring were connected to each other 

with Axial Connectors, creating a cross pair (Fig. 4.26 b). These connectors had non-

linear stiffness and a reference length equal to the saddle radius of the ring (which is 

smaller than the original flat ring radius). As a result, they can aid the ring into keeping 

its saddle shape even if no vascular boundaries are present (e.g. in the aneurysmal 

region). 

In addition to the fabric, in reality, the two most proximal rings of the device 

are connected with hooks. The hooks enhance the anchoring of the AnacondaTM and 

increase the columnar stiffness of the upper section of the endograft. The way in 

Fig. 4.26 Axial Connectors linking the rings (a) and a cross pair of connectors modelling thee 

saddle shape of a ring (b). 

 

      (a)                                    (b) 
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which the hooks connect with the bundle rings though, is very complex, with all de-

grees of freedom being impeded yet none being fully restricted. Modelling this part 

of the device is very challenging and it is something generally avoided in the litera-

ture. Herein, multiple combinations of boundary conditions were tried and the final 

configuration can be seen in Fig. 4.27. The peak of each hook (point A) is connected 

to the 1st proximal ring (point A1) with a Hinge Connector which only allows rotations 

around the x-axis. The legs of the hooks (points B and C) are connected to the 2nd 

proximal ring (point A2) with Cartesian Connectors that provide stiffness in all spatial 

directions. At the same time, frictionless contact is used between the hooks and the 

2nd proximal ring. Note that the A1-A2 Axial Connector (as shown in Fig. 4.27) is the 

connector that simulates fabric and is independent of the hooks.  

This configuration allows for all degrees of freedom to be controlled and ad-

justed according to reality and works well in non-excessively tortuous anatomies. The 

latter cases are problematic because the coordinate systems of the connectors can-

not follow the rotations of the nodes during the analysis; as a result, they will even-

tually impose restrictions at wrong directions if the final position of the stent differs 

significantly from the original. This issue is further explored and resolved in Chapter 

5.   

B 

C 

A 

1st proximal ring 

2nd proximal 

ring wires 

y 

z 

x 

hook 
 

 
A1 

Hinge Connector 

Fig. 4.27 A hook of the AnacondaTM with a schematic of the developed model illustrating the 

connectivity assigned.  

 

A2 
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The challenge of using non-straight arterial geometries arises only with mul-

tiple rings. For a 1-ring model, alterations in the geometry and orientation of the vas-

cular section (before the initiation of the analysis) can provide all the necessary vari-

ability regarding the positioning of the bundle ring. The same is not true, though, for 

two rings or more. Furthermore, when multiple rings are considered, appropriate de-

livery of the scaffolding needs to take place prior to deployment (if the vessel is not 

straight). Towards that end, a series of quadrilateral shell element (S4R, reduced in-

tegration scheme) cylinders can be used to translate and rotate the stent. Details of 

this technique will also be discussed in Chapter 5 as is the same for the two models. 

Meanwhile, it is useful to mention that the braided stiffener is no longer rigid but 

deforms in accordance to the rest of the cylinders.  

Note that if the vascular section is created in Abaqus, the developed algorithm 

can automatically extract its centreline points and allow for an easy delivery, without 

the need for any user input. Furthermore, the vessel is rotated and translated so as 

to match the orientation of the stent before the start of the analysis, reducing the 

computational cost of the solution.  

As with the 1 ring models, contact is enforced using the penalty contact algo-

rithm which approximates hard pressure-overclosure behaviour in a way that the 

contact force is proportional to the penetration distance. Frictionless contact is as-

signed between the rings as well as between the rings and the compaction cylinder. 

Adequate friction coefficients are used for the remaining interactions and friction is 

activated and deactivated in various stages of the process to ensure realism and sta-

bility. A result of the multi-ring model deployed in a curved vascular section is demon-

strated in Fig. 4.28. For this analysis, 4 rings were considered in order to simulate the 

scaffolding of the AnacondaTM body module and the runtime was less than 10 hours 

on 12 Xeon© cpus of a desktop computer (3.40 GHz, 64 GB).  

The idealization of the ring-to-ring connection with four saddle links alone 

proved to be computationally efficient, yet needs fine-tuning to produce reliable re-

sults. The exploration of these optimum/most realistic values for the connector vari-

ables though, is left for future work. Given the fact that the Axial Connectors can only 
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partially represent the effects of fabric and cannot provide the framework for CFD 

analysis, the development of a full device model from a different starting point was 

deemed more appropriate to pursue herein. This model is presented in Chapter 5.  

 

 
 

Fig. 4.28 The maximum principle strain of the scaffolding of the body of the AnacondaTM when 

compacted into a delivery sheath (a) and when deployed into a vascular section (b). The 

hooks, the Axial Connectors, the braided stiffener and the vascular centreline are visible. The 

bundles have been supressed to allow wire visibility.  

 

4.6 Discussion and summary 
 

Although FEA has become a major tool for stent analysis, the studies con-

ducted in the literature are not too often compared against experimental results, 

sometimes making the conclusions less robust. This, in combination with the fact that 

the stent type significantly affects the structural response of the device [87], has trig-

gered the in-depth study presented here. A bundle ring stent technology has been 

modelled with a combination of beam and surface finite elements. With the approach 

developed herein, the shape, the global stiffness and the strains of the structure can 

all be well predicted while at the same time, with overlapping the Nitinol turns, no 

(a) 

 

 

 

 

 

(b) 
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computationally demanding wire-to-wire interactions need to be included. This al-

lows for the development of bigger scaffolding sections as well as the inclusion of 

generally omitted endograft components like the hooks, in simulations that are not 

too time consuming. A full, computationally efficient stent device for design optimi-

zation purposes or patient-specific applications could be built upon this modelling 

approach.  

Regarding validation, comparison of four physical rings with their equivalent 

FEA models produced similar force-displacement responses while the discrepancies 

from the experiment always appeared as force overestimations. This effect reflects 

the exclusion of multiple aspects of the physical bundle such as the wire-to-wire in-

teractions, the change of wire positioning along the length of the bundle, the assump-

tion that the centre of mass of the strand always lies at the centre of the cross section 

of the bundle and the use of a constant value for the stiffness of the polyethylene 

strings despite the slightly non-linear response produced during the uniaxial testing 

of the material. Most importantly though, the models reflect the replacement of fric-

tion with total restriction of rotation along the wire’s direction (at the connection 

points of peaks and valleys) and hence account for the inability to impose the real 

boundary conditions in every detail. It can be postulated that it is for this overestima-

tion of the friction constraint that the model consistently appears stiffer. Neverthe-

less, the model produces results inside the standard deviation of the experiment or 

very close to this range. 

The model developed herein has been shown to be cost effective. The solu-

tion time of minutes needed for the saddle-pull test and several hours for the full 

bundle ring’s compaction, deployment and cycling through systole and diastole is 

deemed to be low enough to allow a viable, accurate tool for the bundle ring assess-

ment. The respective continuum model, for the same analysis, needed anywhere 

from 7 to 23 times more time to produce results. In their analysis, Hall et al. [185] 

reported that factor to be 15, making their continuum model lie in the middle of the 

current results. Direct runtime comparison with other studies in the literature is not 

trivial since differences in stent geometries, material parameters, the amount of 
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crimping as well as the exclusion of the cycling steps will inevitably affect the compu-

tational cost; reported times from hours to days though can be found in the bibliog-

raphy [94,98].  

Previous simulations of the Anaconda device (the reader is referred to 

[88,94,95,194]) used ‘equivalent beam’ models sacrificing the accuracy of the out-

puts, while also considered the undeployed configuration of the bundle to be un-

stressed, a strategy proven herein to add significant errors into the results, not only 

for strain but for radial stiffness as well. The exclusion of the initial load step leads to 

high divergences from the saddle-pull experiments in the order of 26%.  

After validating the model, a parametric study was conducted in order to ex-

plore the effect of both stent oversize and friction, on the COF exerted by the bundle 

ring and the mean strain, 𝛭𝜀, developed in it. For 𝜇 values below 0.3, COF remained 

stable from 10% up to 40% oversize. This suggests that if the real value of the friction 

interaction is medium or low, the oversize is not a crucial factor for the success of 

EVAR, as far as migration is concerned. The same cannot be said, though, in the case 

of high friction coefficients. Unfortunately, few results are available in the bibliog-

raphy to give confidence to one case over the other, while the existence of calcifica-

tion and thrombus can further affect the interface. It should also be mentioned that 

a preliminary study was conducted to examine the effect the normal contact force 

formulation has on the COF (i.e. different numerical implementations of the normal 

contact definition were considered) and results showed that change of this charac-

teristic affects the stability of the solution rather than the force values themselves.  

The plateau of COF, strongly present in the lower friction coefficient cases, 

can be attributed to both the geometrical non-linearities of the deployed bundle ring 

and the material non-linearities of Nitinol which operates in its superelastic region. 

Moreover, a gradual reduction of the contact area of the stent/vessel interaction was 

noted at increased oversizes, probably the result of the distribution of radial forces. 

The rearrangement of the radial forces can possibly explain unwanted phenomena 

such as migration and type I endoleaks. 
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Regarding 𝛭𝜀, results showed that friction coefficient had a minor effect on 

them with lower values of 𝜇 leading to lower values of strains by a small percentage. 

Yet the increase of oversize linearly increased the developed 𝛭𝜀 from an average of 

0.001 at 10% oversize to an average of 0.022 at 40% oversize.  

 In clinical practice, specialists make use of approximate diameters of target 

vessels to decide upon the most suitable endograft. Utilizing the cross sectional anal-

ysis of Chapter 3, a thorough examination was conducted exploring the effects the 

cross sectional shape of the vessel has on the Ring Model and both the chronic out-

ward force and (especially) the strains were found to be significantly affected.  

The major axis approximation was found to underestimate the maximum 

strain by 51% at the most extreme ellipticity and the total radial force by 14%. In 

contrast, the minor axis approximation overestimated the maximum strain by up to 

64% and the total radial force by up to 6%. These two approaches represent the most 

common approximation of the vascular cross section. On the other hand, the average 

circle produced a much better estimation of the maximum strain and underestimated 

the chronic outward force by just 3.2% when compared to the respective elliptical 

shapes. As a result, the average circle can be safely used to calculate these variables. 

However, even with this approach, poorer results would be produced if delta strain 

was of interest (underestimation by up to 7.8%).  

Regarding the axial angle of deployment, the most sensitive variable was delta 

strain, particularly below the 0.83 elliptical ratio. This variable was minimized at a 

deployment angle of 45o due to the asymmetric inflation of the vessel. Note that with 

more complicated cross sectional shapes, the optimum direction from a fatigue life 

point of view will be different and case specific. Nevertheless, the study showed that 

COF and maximum strains will be practically unaffected by the deployment angle.  

 In conclusion, the Ring Model presented herein has the ability to capture the 

strains developed on the Nitinol wire for any further fatigue testing, as well as the 

chronic outward force for sealing and anchoring evaluation. The friction coefficient 

of the stent-vessel interaction has been shown to affect COF, while oversizing could 

be a non-critical parameter on stent migration; in highly oversized cases though, the 
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developed strains need to be carefully examined. Finally, it is recommended that fu-

ture stent graft analyses should take variations in target vessel geometry into account 

since the use of non-idealized cross sections may have an important effect on the 

functional performance of the devices.  
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Chapter 5 

Full Device Model 
 

 

 

 

 

 The final objective of this thesis is to develop a computationally efficient An-

acondaTM model. Such a model will be able to simulate the full stent graft device and 

deploy it into any random (that is, patient specific) geometry. The prediction of the 

deployed endograft positioning will allow the clinical and biomechanical assessment 

of EVAR prior to surgery. The conduction of such analyses can serve as a powerful 

tool that will allow clinicians to examine the deployment of different endografts (on 

the market or tailor-made) inside patient specific AAAs, given the readily available 

CTA scans of the patient. The examination of a variety of clinical scenarios, such as 

deployment in different proximal regions or usage of multiple iliac leg modules at the 

distal site of the endograft, will further help clinicians to decide the optimum inter-

vention. The key outcomes that are prioritized herein are the prediction of the de-

ployed shape of the endograft below the 5 mm error which has been reported as a 

commonly accepted limit practitioners use when incorporating simulations in their 

clinical workflow [195], and the ability of the simulation to be used for hemodynamic 

analysis. These capabilities can provide an insight on migration forces, possible endo-

leak risk and fabric occlusion that may lead to thrombosis; all treasured features in 

the medical and medical device manufacturing community.   
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Preliminary studies of endograft deployment involved both an idealized stent 

graft and an idealized AAA (see for example [82,196]). Despite the merits such anal-

yses may bring though, they can only reveal gross trends and features of the surgical 

technique since they fail to include key mechanical and geometrical characteristics. 

Perhaps the first study on virtual deployment of a bifurcated stent graft in a 

non-idealized AAA was published in 2012 [179], where the numerical model devel-

oped was compared against an experimental stent deployment inside a silicone an-

eurysm. The study is significant because it showed the capabilities of FEA and a global 

agreement between the two. Nevertheless, the simulated device was under-ex-

panded during deployment and at the bifurcation of the aorta produced significant 

errors when compared to the experimental images. Unfortunately, the distance (i.e. 

error) between the deployed struts and the predicted ones was not reported. Simi-

larly, the runtime of the FEA analysis was not disclosed either. 

 When studies create full stent simulations to predict the deployed stent posi-

tion and at the same time try to accurately capture the mechanical state of the un-

derlying materials, they inevitably produce computationally expensive models. A 

model of this type was developed by Morlacchi et al. [163] to simulate a coronary 

stent made out of a cobalt-chromium alloy. The model required 60 hours to run on 

two nodes of a high computing cluster; and yet, coronary stents have no fabric.  

 The existence of fabric on the EVAR endograft poses significant difficulties for 

simulation and if included, it increases the runtime dramatically. Due to its physical 

dimensions, fabric buckles and folds naturally, making the analysis extremely non-

linear, with very large deformations and complex self-contact conditions.  

In 2015, Perrin et. al [165] presented an integrated approach to delivering and 

deploying an EVAR stent graft inside a patient specific geometry reporting anywhere 

from 55 to 100 hours of runtime. The technique was further developed and the fol-

lowing year was used to simulate the AnacondaTM stent graft [195]. 

 To date, the paper of Perrin et. al [195] is the best full AnacondaTM simulation 

that exists in the literature. Their full device model was validated against one in vitro 

and two in vivo deployments and the comparative results were very satisfactory, with 
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the maximum error between the virtual and the experimental stents being generally 

below 5 mm. The major draw-back of the study was its computational cost. Despite 

the simplifications employed using an ‘equivalent beam’ model, the reported runtime 

was over 40 hours. This is nowhere near the timeframe that can be useful for clinical 

practice while it can be challenging even for product developing purposes.  

 In this Chapter, common simplifications have been used as well, both for fea-

sibility and efficiency reasons. Nevertheless, the time frame of solving full device sim-

ulations has been drastically reduced, giving this study an advantageous position in 

the FE analysis of EVAR.  

 

5.1 Development of the Full Device Model 

 

Section 4.5 demonstrated the feasibility of the Ring Model to scale into mul-

tiple rings and simulate sections of the AnacondaTM scaffolding. For the full device 

model, though, fabric is too important to be dismissed. The Axial Connectors that 

were developed in Chapter 4 can only grossly represent the graft’s connective effects 

since they only connect peaks to peaks and valleys to valleys. Experimental evidence 

shows that tension lines in the fabric are more complex than that and very often 

manifest themselves in diagonal directions. As a result, if large sections of the device 

need to be modelled, the inclusion of fabric becomes crucial in order to capture the 

overall behaviour of the structure [166]. What is more, only the addition of fabric can 

allow the model to be useful for detailed hemodynamic analyses, making its presence 

of utmost importance in the current framework.  

As already mentioned, preliminary efforts to add fabric into the scaled Ring 

Model made the simulation too unstable (and time consuming) to run until the end 

of the analysis. To overcome the stability challenge, the explicit solver of Abaqus was 

used instead of the implicit one employed so far, a choice that is in agreement with 

the literature when the graft is simulated. However, this decision pushed towards the 

creation of a new model altogether, since not all modelling features employed until 

now are available in both Abaqus/Standard and Abaqus/Explicit.  
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5.1.1 Explicit versus implicit solver 

 

 Abaqus has two different solvers for tackling different FEA problems. The im-

plicit solver (Abaqus/Standard) is the modelling choice when simulating static or 

quasi-static problems with smooth non-linear behaviour (e.g. no material wrinkling 

involved). On the other hand, the explicit solver (Abaqus/Explicit) can be used to sim-

ulate dynamic analysis such as wave propagation or impact. Nevertheless, thanks to 

its robustness, the latter is often employed to model static problems as well if the 

non-linearities involved make the implicit solver too slow or non-convergent.  

 Another advantage of the explicit procedure regards scaling. As the model size 

increases, solution cost for the explicit solver increases slower than for the implicit 

one, making it more attractive for large analyses. For the method to be efficient, 

though, the time scale is important.  

 The explicit solver is conditionally stable allowing, as a result, only short time 

advancements per iteration in order to keep the solution realistic. This means that 

the total time to be simulated needs to be small enough to make the explicit solver 

advantageous. However, for small time frames inertia effects arise. Hence, since 

herein we want to acquire static solutions, the aim is to model the process in the 

shortest time period in which inertial forces remain insignificant. For that to be 

achieved, the period of the lowest mode of the structure (which is the one usually 

dominating its response) needs to be calculated and used as an indicator for the time 

frame of the simulation. The ratio of kinetic over internal energy is also monitored to 

be kept low, ensuring the negligibility of inertia. 

 One could argue that the deployment of the endograft is not a static proce-

dure in the first place. The pulling of the sheath that releases the device certainly 

generates dynamic effects and each ring creates a small impact with the vascular wall 

during deployment. These effects, though, are usually disregarded in favour of ana-

lysing the long term state of the device. And while is true that after deployment, dy-

namic effects also exist due to the pulsating loads of pressure, as an initial modelling 

attempt, the exclusion of such complexities is deemed reasonable. As a result, the 
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presented work assumes that a static analysis is sufficient in order to explore the 

main characteristics of EVAR.  

Leaving its stability advantages aside, a considerable drawback of Abaqus/Ex-

plicit is that it does not currently offer certain modelling features of importance for 

the developed analysis. At present (version: Abaqus 2018), the software does not 

support necessary features to model the initial load step of the Ring Model, and in 

particular the ‘Model Change’ technique which allowed the crimping of the ring after 

the circular formation. As a result, the manufacturing strains (i.e. pre-strains estab-

lished by the forming of the ring), whose importance has been illustrated in Chapter 

4, cannot be included when using Abaqus/Explicit. The consequence of this is signifi-

cant. If manufacturing strains are excluded, the final state of Nitinol will be inaccu-

rate, questioning the very reason of taking such a complex material into account. And 

if strains cannot be predicted accurately, there is no need for multiple turns to be 

modelled either. As a result, due to current software limitations and in order to fa-

vour computational efficiency, in the Full Device Model that predicts positioning, no 

pre-strains, no Nitinol and no multiple-turns are included.  

 It is meaningful to note that since the analysis is displacement driven for the 

greatest part of the EVAR simulation (endograft is compacted inside a sheath, the 

sheath is delivered to the artery and dilated to allow the expansion of the device 

inside the vessel), the final shape of the rings is marginally affected by their underly-

ing material. As a result, this choice is not expected to affect significantly the outputs 

of interest.  

 The alternative modelling approach that has been taken, is presented below.  

 

5.1.2 Building the scaffolding 

 

 The AnacondaTM stent graft device consists of 3 separate pieces (or modules) 

as shown in Fig. 2.3, the main body and the two iliac legs. During EVAR, the surgeon 

deploys the main body of the endograft and soon after the two legs, which lock inside 

the body and stay fixed relative to each other from then on. To avoid the computa-

tional cost of simulating the interaction between those pieces as well as the separate 
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stages of deployment, the virtual device developed herein is modelled as one piece. 

Yet, as it will be shown, the relative position of the three modules is taken into ac-

count at the building stage of the device, prior to the initiation of the analysis.  

Given the complexity of the problem and the large number of variables in-

volved, significant effort has been put into making the process as automated as pos-

sible. As a result, given a vascular geometry, the user decides upon the number of 

rings and ring characteristics that should be used to accommodate it, the position of 

the legs relative to the body (how low and under which angle does the lock happen) 

and the position of the device relative to the vessel (i.e. the proximal region of de-

ployment). Once the choice of the AnacondaTM device design and its position has 

been made, the in-house algorithm built by the author creates the endograft, com-

pacts it and deploys it inside the vessel without any further user input.  

 The building process of the device starts with the scaffolding, and in particu-

lar, with the creation of circular rings. These rings are made of beam elements that 

are enclosed with surface elements similarly to the Ring Model of Chapter 4, yet they 

are modelled as circles right from the start of the analysis. Furthermore, since com-

putational efficiency is an important feature of this model, an ‘equivalent beam’ ap-

proach has been used to represent it.  

The standard approach for creating ‘equivalent beam’ models is based on the 

fact that bending forces are dominating the endograft. As a result, the aim is usually 

to create 1 wire (instead of n) that has the same second moment of area as the bun-

dle, ensuring the same bending stiffness. Herein, though, we are looking for equating 

directly the bending stiffness product 𝐸𝐼. This means that apart from changing radius, 

we also allow for the alteration of the material of the wire. By assuming that initially 

all circles are overlapping in the centre of the bundle, and after assigning a random 

radius 𝑟2 per ring that is marginally smaller than its bundle radius (Fig. 5.1), we get: 

𝐸1𝐼𝑜𝑣𝑒𝑟𝑙𝑎𝑝𝑝𝑖𝑛𝑔 = 𝐸2𝐼2
 
⇒𝐸2 = 𝐸1

𝑛𝑟1
4

𝑟2
4  (5.1) 

The advantage of this approach derives from the fact that thicker wires lead to 

coarser converged meshes (see Section 4.2.2) and less stiff materials result in larger 
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stable time increments in the explicit approach. Following the above strategy, both 

effects take place and both reduce the overall solving time.  

Note that the modulus 𝐸1 is the stiffness of the linear austenitic region of Ni-

tinol and is equal to 59 GPa (refer to 𝐸𝐴 of Table 4.2). As a result, the material to be 

used is linear elastic with ring-dependent stiffness 𝐸2, Poisson’s ratio 𝑣 = 0.33 and 

density 6.45 𝑔 𝑐𝑚3⁄ .  

As had been noted in Chapter 4, the bending stiffness equivalency is just a 

rough approximation of the final stiffness of the ring and is not expected to accurately 

predict the true mechanical response of the scaffolding. It should be mentioned 

though, that an exploratory analysis was conducted to quantify this error by re-sim-

ulating the saddle pull test of Section 4.2.4. It was observed that the discrepancies 

from the experiment were similar to the Ring Model behaviour for Ring 2 and 4, yet 

for the stiffer rings they were significantly larger. Especially for Ring 1, the error in-

creased to 15.0 – 18.5 % for the case where manufacturing strains where included 

and 30.0 – 34.1 % for the case where pre-strains were not taken into account (com-

pare with Table 4.5 and 4.6 respectively). The reason for this non-uniform increase is 

that stiffer rings develop greater strains under the in vivo deformation hence enter 

the martensitic plateau earlier, leading to a greater difference against the equivalent 

(linear) model. This, once again, demonstrates that for analyses that aim to capture 

the stiffness and even more so, the strains of the bundle, bending moment equiva-

lency is not sufficient.  

𝑟1 

𝑅1 

n overlapping 

wires 

𝑅1 

𝑟2 

𝐼2

Fig. 5.1 The overlapping turns of the Ring Model (a)  

and the beam with an equivalent radius (b). 

 

a.                b. 

1 wire 
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Apart from the bundle rings, the scaffolding of the AnacondaTM includes sev-

eral S-shaped metallic supports located at the distal end of the body module (Fig. 

2.3). These regions are important in clinical practice since they keep the lumen of the 

body open during the deployment of the legs, yet they would serve no functional 

purpose in silico. Furthermore, their design complexity is significant, as they do not 

follow a specific mathematical curve. As a result, inclusion of them was not per-

formed herein.  

Hooks were also excluded from the analysis. Their challenging degrees of free-

dom, as explored in Section 4.5, increase the computational cost of the simulation 

due to the introduction of instabilities. The omission of hooks also simplifies the con-

tact condition since no damage models need to be implemented to simulate the pen-

etration of them into the vessel.  

Finally, meshing of the rings follows the rules of Chapter 4. 

 

5.1.3 Building the fabric 

 

In reality, the Nitinol bundles are hand-sewn onto a tubular fabric following 

the lines of a pattern. This process results in a graft shape that is very difficult to 

reproduce numerically and at the resting state of the device, create folds that are not 

perfectly repeatable (Fig. 5.2 d). As a result, the approach followed herein to model 

the graft is idealized.  

The fabric of the device is developed in two phases. The first phase involves 

the main tubular sections of the body and leg modules (Fig. 5.2 a). These parts have 

straight regions with lengths equal to the saddle height of each ring, i.e. the longitu-

dinal distance between its peaks and valleys. Their curved regions are allocated to 

the spaces between the rings and allow the excess of graft present between the bun-

dles of the AnacondaTM to be modelled (Fig. 5.2 d). 

The second phase of the fabric development regards the distal region of the 

body module. This section splits the original lumen into 2 lumens so as to account for 

the aortic bifurcation. This division, however, is very challenging to model in Abaqus,  
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Fig. 5.2 The tubular parts of the fabric are created using Abaqus (a). The distal end of the body 

module is imported from SolidWorks (b) and then connected to the remaining parts to form 

the entire graft. A real device is also shown for comparison (d). 

(a)                                                        (b)                                                  (c)   

(d) 
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hence the 3D CAD software SolidWorks 2017 (Dassault Systèmes SolidWorks Corp) 

was used (Fig. 5.2 b). This section is then imported into Abaqus and connected with 

the other fabric parts to create the final graft (Fig. 5.2 c). 

The AnacondaTM device uses a woven polyester fabric with 0.14 mm thickness 

for the body module and 0.12 mm for the legs. Herein, though, a simple elastic ma-

terial was used with constitutive parameters taken from the literature [70,196] (Table 

5.1). The use of a more complex fabric material [87] was also examined, but no obvi-

ous advantage was noticed. In that study, Demanget et al. [87] loaded a fabric sample 

with tensile forces in various directions to establish an orthotropic plane stress model 

for the in-plane behaviour of the graft. Nevertheless, as Geest et al. [151] observes, 

an anisotropic constitutive model cannot be produced from uniaxial tensile data, 

even if multiple uniaxial directions are considered. Hence, Demanget’s more elabo-

rate model has yet to prove its advantage. 

Lastly, fabric is modelled using Kirchhoff thin shell elements (S4R, reduced in-

tegration scheme with enhanced hourglass control and finite membrane strain for-

mulation) with 0.25 mm length size. These elements are adequate for large-strain 

analysis and can tackle high distortions, while the hourglass control adds bending 

stiffness to the system, which aids stability.  

 

Table 5.1 Parameters of the fabric model [70,196]. 

Elastic modulus (MPa) 55.2 

Poisson’s ratio 0.46 

Thickness (mm) 0.14 

 

5.1.4 Building the model 

 

The initial configuration of the endograft is dictated by the position of the iliac 

legs relative to the body. These parameters are provided by the user and allow the 

algorithm to build the rings and fabric of all the modules in the desired orientation, 

before the initiation of the analysis. Furthermore, while in reality the scaffolding is 
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attached to the fabric using a series of polyester sutures, in the FE model, instead of 

using an abundance of discrete connecting points, a continuous connection is used 

along the length of the rings. Both these strategies enhance the computational effi-

ciency of the simulation. 

In the model, the connection between the fabric and the scaffolding occurs in 

the first two steps of the analysis. In the initial step, a sinusoidal displacement is as-

signed to the rings to acquire the saddle shape the rings have at their rest state (Fig. 

5.3 b). At this stage, frictionless, no separation contact (at the tangential direction 

and normal direction respectively) is used to establish the fabric-ring contact. After 

that, the rings are compacted and the contact is changed to “rough”, which is a Cou-

lomb frictional model with infinite friction, hence preventing slippage between the 

involved surfaces regardless of the contact pressure. This condition remains for the 

rest of the analysis. Note that the first step of the process is in essence part of the 

second step (i.e. the fabric-ring contact occurs during a “monotonic” ring compac-

tion), hence the computational cost of it does not burden the total runtime.   

 The scaffolding and the fabric are the main building blocks of the endograft, 

yet a series of additional features and structures are needed to perform an EVAR sim-

ulation. Perhaps the most obvious parts to be discussed are the delivery catheters 

which have already been briefly mentioned in Section 4.5. Each module (i.e. body and 

two legs) has its own pair of cylindrical catheters (shell elements, S4R), one with a 

rigid wall (Catheter A) and one inflatable (Catheter B). The two catheters of each pair 

have the same radius and are tied to each other for the initial part of the analysis. 

Catheter A is tied to a beam that resides in its centre and can help with delivery, while 

Catheter B has no centreline and aids deployment. 

In more detail, since in this model the material of the rings is linear elastic, full 

compaction is not needed, as a result, no cylindrical surface is used to crimp the en-

dograft to its most extreme state. Instead, the rings are pulled by the peaks and val-

leys to reduce their diameter enough to fit inside the catheters; these loads resemble 

the saddle pull test of Section 4.2.4 (Fig. 5.3 c). Additionally during compaction, the 
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rings are slightly pulled apart from each other with a displacement 𝐿𝑢𝑛𝑠𝑡ℎ𝑒𝑎𝑡ℎ. In re-

ality, this elongation takes place during unsheathing (deployment) of the device in-

side the AAA, yet, since the computational deployment performed herein is via the 

inflation of catheters (i.e. application of pressure at the inner cylinder wall), pulling 

of the device is simulated earlier for convenience.  

Once the rings are inside the catheters, the forces used to pull them are re-

leased and the rings come into contact with Catheter A. Delivery follows, as boundary 

conditions are applied to the centreline of Catheter A forcing both catheters to move 

accordingly (Fig. 5.3 d). Once delivery is completed, the endograft switches its contact 

from Catheter A to B, the tied contact between the catheters is supressed and pres-

sure is applied to the inner wall of Catheter B making it expand, thus allowing the 

endograft to deploy inside the vessel (seen later on in Video 5.1). 

The overview of the analysis can be described in the following steps: 

 

Transition steps have also been included in different stages of the described 

analysis to minimize inertia effects and increase stability.  

Fabric initialization Rings are assigned a sinusoidal deformation that imitates 

the resting state of AnacondaTM.  
  

Compaction Pulling forces compact the rings. 

 

Release Rings are released inside Catheter A.  

 

Delivery Catheters move the device at the centreline points of the 

vessel. 
 

Initial pressurization The vessel is inflated from 0 MPa to its systolic pressure. 

 

Deployment  Catheter B is inflated and the endograft is deployed inside 

the vessel. 
 

Pressurization Diastolic and systolic pressure are interchangeably applied 

at the vascular wall.  
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As can be seen in Fig. 5.3, the original and the final orientation of the rings do 

not coincide. What is more, the final orientation of each ring is unknown prior to the 

import of the vascular geometry. This poses a challenge in the definition of boundary 

conditions at the final stage of the simulation. In Abaqus, apart from very specific 

exceptions, no coordinate system can follow the rotation of nodes during the analy-

sis, meaning that if a boundary condition is maintained throughout the analysis, the 

original orientation of it will be maintained as well, despite the movement of the 

structure. At the same time, no node can have boundary conditions expressed in 

more than one coordinate system, even if they are applied in different steps of the 

Fig. 5.3 The AnacondaTM model at the beginning of the analysis (a) and after fabric initializa-

tion (b). Pulling forces fit each module inside its corresponding pair of catheters (c) which are 

then moved during delivery according to the vessel’s centre points (d). 

       (a)                                 (b)                             (c)                                      (d)               
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simulation. As a consequence, the simple definition of boundary conditions, as ex-

pressed with equations (4.2), is not possible.  

 To address the issue, reference points were created at the peaks and valleys 

of each ring and were connected via weld connectors with the respective saddles (Fig. 

5.4). This way, the reference points and the ring’s peaks/valleys shared all transla-

tional and rotational degrees of freedom from the beginning of the analysis. During 

compaction, boundary conditions were applied at the peaks and valleys of each ring 

(points A, B, C, D) making use of local coordinate systems oriented according to the 

original stent graft positioning. After delivery, though, boundary conditions were ap-

plied at the reference points of each ring (points A’, B’, C’, D’) making use of coordi-

nate systems oriented according to the centreline of the vessel.  

 Via these manipulations, equations (4.2) were defined in the appropriate ori-

entations during compaction, release, deployment and pressurization; note, though, 

that the axial constraint Displacementz=0 is applied only at the proximal ring of each 

module. Note also that during delivery and initial pressurization, the rings are con-

strained only by the movements of the catheters and not implicitly by boundary con-

ditions. 

From deployment onwards, Rotationy=0 is also applied to points B, D and dur-

ing pressurization, Rotationx=0 is demanded for points A, C (refer to Fig. 4.5 for point 

definitions). These are stricter conditions than those applied in the Ring Model and 

correspond to an overconstrained arrangement. They are chosen herein only for their 

A 

A’ 

C’ 

C B B’ 

D’ 
D 

Fig. 5.4 In each saddle point of the wire (black dots), a corresponding reference point is cre-

ated (brown dots). In the model, the points are overlapping and connected with weld con-

nectors. Here, space is applied between them for visualization purposes. 
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efficiency and increase of stability and not for their accuracy. Since their application 

does not affect the shape of the rings, the effect they have on the stress/strain field 

is not important. Appropriate boundary conditions are also applied to the catheters 

throughout the analysis to prevent rigid body motion.  

 Another important feature of the model is the existence of Axial Connectors, 

similar to the ones introduced in Chapter 4. Herein, the cross connectors of Section 

4.5 are used to replicate the reduced diameter of the docking zone of the AnacondaTM 

body (Fig. 2.3), i.e. the region in which the legs connect to the body. These connectors 

have minimal compressive stiffness and 0.1 N/mm tensile stiffness above the refer-

ence docking zone diameter, which is 11.6 mm and 10 mm depending on their longi-

tudinal position. Additionally, Axial Connectors are being used between the 1st and 

the 2nd proximal ring to approximate the restrictions applied by the hooks. The con-

nectors are also non-linear with 0.05 N/mm compressive stiffness and 10 N/mm ten-

sile stiffness. As it was mentioned in Chapter 4, the fine-tuning of these values re-

quires meticulous experimental testing that was not pursued in the current body of 

work. The values reported herein are the product of trial and error, as well as the 

visual validation that will be discussed in Section 5.3. 

 Various contact conditions are used throughout the analysis. Apart from the 

“rough” contact between the fabric and the rings, as well as between Catheters A and 

B, self-contact is assigned to the fabric (with a friction coefficient of 0.005) and the 

rings (frictionless). In addition, appropriate contact is assigned to various steps of the 

analysis to release the rings inside the Catheters and perform delivery. At deploy-

ment, contact is assigned between the vessel and both the rings (friction coefficient 

of 0.5) and the fabric (friction coefficient of 0.005).  

The technique developed herein is very easy to use in patient specific geom-

etries and most importantly, it is an automatic procedure. More specifically, given a 

random vessel geometry with a set of centre points, the algorithm creates a second 

set of points along the centreline at the location in which each ring will be deployed. 

Thanks to the latter set, correct coordinate systems can be created to define post-
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deployment boundary conditions. The centreline of Catheter A is also partitioned ac-

cording to the second set. This allows catheters to be displaced to the exact vascular 

location, hence deliver the endograft to the chosen position inside the vessel. Note 

that part of the delivery happens before the start of the analysis with the vessel being 

rigidly translated and rotated to the orientation of the stent graft, hence further re-

ducing the computational cost.  

 The schematic of Fig. 5.5 demonstrates the critical steps of delivery.  

 

Fig. 5.5 The imported set of centre points (a) is rigidly moved (along with the vessel) to be 

oriented according to the stent before the initiation of the analysis (b). Using these points 

(black dots), a new set of points is defined (red dots). By taking advantage of the user inputs 

(stent specs, position of the legs relative to the body and deployment position of the most 

proximal ring), this set can be placed at the location where the centre of the deployed rings 

will eventually lie (c). Using the red set, Catheter A (along with Catheter B and the endograft) 

can be moved inside the vessel. Finally, new coordinate systems can be defined through that 

set so that boundary conditions can be applied to the correct post-delivery orientation (d).  

 

5.2 Experimental fabric testing 

 

It has already been mentioned that the way AnacondaTM is manufactured dif-

fers from the way the model is set up. As illustrated, the approach followed herein 

involves the displacement of the rings in a sinusoidal path onto the fabric which al-

ready has an excess of material between the rings. To calculate the amount of extra 

       (a)                  (b)                                                      (c)                                   (d) 
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fabric needed though, which corresponds to the size of the curves present in the tub-

ular section of the graft (Fig. 5.2 a), a series of measurements were conducted in dif-

ferent endografts. 

The body of 6 AnacondaTM devices which covered the range of sizes available 

in clinical practice were considered for the test. For each body, the distance between 

its four rings was measured at the four saddles (Fig. 5.6 a). Rings are named as R1, 

R2, M1, M2 in the order of the most proximal to the most distal. Each device was 

considered at rest (Fig. 5.6 b), at two different deployments representing two differ-

ent oversize ratios (Fig. 5.6 c) and at full extension (Fig. 5.6 d). Note that the oversize 

ratio was not constant among the devices as the test was limited by the available 

tubes used for deployment (Table 5.2). Nevertheless, all the imposed oversizes were 

in the operational range of the endograft.  

 

Fig. 5.6 The distance between the four body rings was measured at the peaks and the valleys 

of six stent grafts (a). For each one of them, the resting state (b), a deployed state (c) and the 

full extension state (d) were considered.  

 

 Measurements of the full extension states were conducted during the exper-

iment while the rest of the lengths were calculated later on via images (similar to Fig. 

5.6 b and c). All measurements have an observational error of ± 0.1 mm.  

 

 

 

R1 

R2 

M1 

M2 

M1 

       (a)                                        (b)                                        (c)                               (d)      
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Table 5.2 The devices measured, along with the imposed oversizes. 

Device Name Device Outer Diameter (mm) Oversize 1 (%) Oversize 2 (%) 

OLB23 23.2 5.5 20.2 

OLB25 25.2 14.5 19.4 

OLB28 27.4 13.2 24.5 

OLB30 29.5 6.1 13.0 

OLB32 31.6 13.7 21.1 

OLB34 33.6 14.7 20.9 

 

 The detailed results of the analysis have been summarized with the use of 

graphs and are reported in Appendix B. Herein, only a few important trends and val-

ues are discussed.  

 Because the devices are hand-sewn, there is a significant variability in the 

amount of fabric present between the anterior and posterior peaks and the left and 

right valleys of each section (Fig. 5.6 a). Nevertheless, some consistent behaviours 

were observed. First of all, at deployment, the valleys are primarily under compres-

sion while the peaks are under tension, signifying that the device does not experience 

double symmetry. Regarding the different oversize ratios, variabilities are less clear. 

It appears that with greater oversize, valleys are under greater compression but 

peaks are less affected. Furthermore, the R2-M1 distance changes the most both in 

compression and in tension, possibly because it involves a significant component per-

pendicular to the length of the device. Regarding the full extension state, the peaks 

of R2-M1 are the ones which extend the most, reaching distances of up to 435% more 

than the rest state.  

By comparing the full extension state with the rest state we can approximate 

the available fabric slack. This serves not only this model but the Ring Model as well, 

thanks to a more accurate definition of the Axial Connectors that approximate the 

effects of fabric. The average extension between R1-R2 and M1-M2 of all devices was 
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13.5% when compared to the rest state, a value that was used in Section 4.5. These 

distances are mainly axial (parallel to the axis of the stent), hence allow for a reason-

able slack approximation, whereas the R2-M1 distance has a large transverse com-

ponent and was not taken into account for the calculation of the average extension.  

 To make use of the fabric measurements in the Full Device Model, the slack 

observed has to be connected to the curves at the fabric definition (Fig. 5.2 a). Each 

one of these curves is designed as a section of a circle defined by 3 points (Fig. 5.7). 

And since the points at the linear region of the fabric are fixed, only 1 point controls 

the excess of fabric between the rings (𝑃3 at Fig. 5.7). 

In more detail, assume the 3 points 𝑃1(𝑥1, 𝑦1), 𝑃2(𝑥2, 𝑦2) and 𝑃3(𝑥3, 𝑦3) with 

𝑃1, 𝑃2  given and: 

𝑦3 =
𝑦1 + 𝑦2

2
 

 (5.2) 

Then, the length 𝐿 of the circular section is controlled by 𝑥3 alone. 

 If we solve the standard equation of the circle:  

(𝑥 − 𝑥0)
2 + (𝑦 − 𝑦0)

2 = 𝑟2  (5.3) 

for the points 𝑃1, 𝑃2, 𝑃3, we get for the centre (𝑥0, 𝑦0) and the radius 𝑟: 

 

𝑃1 

𝑃2 

𝑃3 

Fig. 5.7 Detail of the fabric definition. The linear sections of the graft are connected by 

curves.  

(𝑥0, 𝑦0) 

Fabric’s region x 

y 

𝜃 

𝑟 
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𝑥0 =
(𝑥1

2 + 𝑦1
2)(𝑦2 − 𝑦3) + (𝑥2

2 + 𝑦2
2)(𝑦3 − 𝑦1) + (𝑥3

2 + 𝑦3
2)(𝑦1 − 𝑦2)

2(𝑥1(𝑦2 − 𝑦3) − 𝑦1(𝑥2 − 𝑥3) + 𝑥2𝑦3 − 𝑥3𝑦2)
 (5.4) 

  

𝑦0 =
(𝑥1

2 + 𝑦1
2)(𝑥3 − 𝑥2) + (𝑥2

2 + 𝑦2
2)(𝑥1 − 𝑥3) + (𝑥3

2 + 𝑦3
2)(𝑥2 − 𝑥1)

2(𝑥1(𝑦2 − 𝑦3) − 𝑦1(𝑥2 − 𝑥3) + 𝑥2𝑦3 − 𝑥3𝑦2)
 

(5.5) 

  

𝑟 = √(𝑥1 − 𝑥0)2 + (𝑦1 − 𝑦0)2 (5.6) 

 

All three quantities are functions of 𝑥3. 

In addition, the angle 𝜃 between the points 𝑃1, 𝑃2 and the centre can be found 

by the dot product of the vectors (𝑥1 − 𝑥0  ,   𝑦1 − 𝑦0) and (𝑥2 − 𝑥0  ,   𝑦2 − 𝑦0), i.e.: 

𝜃 = 𝐴𝑟𝑐𝑐𝑜𝑠 (
(𝑥1 − 𝑥0)(𝑥2 − 𝑥0) + (𝑦1 − 𝑦0)(𝑦2 − 𝑦0)

√(𝑥1 − 𝑥0)2 + (𝑦1 − 𝑦0)2√(𝑥2 − 𝑥0)2 + (𝑦2 − 𝑦0)2
) 

(5.7) 

 

As a result, the length 𝐿 of the curve section will be: 

𝐿 = 𝜃𝑟 (5.8) 

and through the use of (5.4) – (5.7) will be a function of 𝑥3. At the same time, the 

slack, 𝐿𝑠 can be calculated as: 

𝐿𝑠 = 𝐿 − (𝑦1 − 𝑦2) (5.9) 

hence the slack can be expressed as a function of 𝑥3. This allows the algorithm to 

incorporate the fabric excess as measured (𝐿𝑠) into the design of the graft (with the 

appropriate definition of 𝑥3).  

 

5.3 3D printed AAA validation 

 

 To assess the performance of the model, a validation test was conducted. To-

wards this end, an AAA CAD model was designed and 3D printed to be used as a mock 

artery. Experimental and virtual deployment of a full AnacondaTM device followed 

and the spatial difference between the two approaches was measured and used as 

an error indicator for the model. The key locations of interest were the proximal and 

distal regions of the endograft, the macroscopic shape of the flow lumen and the 

existence of sharp fabric folds that would impede the flow.  
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 The comparison of the experimental and FEA results was performed by super-

imposing images of the two in 4 different views. This technique is not the most rigor-

ous, yet it has been used in the literature for its ease of implementation [163,179]. 

The alternative option of micro-CT scanning the deployed endograft (and then regis-

tering it according to the FEA result) requires the entire experiment to take place in 

a facility with such a scanner; this option was very challenging to pursue and eventu-

ally abandoned.  
 

5.3.1 Mock aneurysm 
 

 For the construction of the AAA, a CAD model of a healthy aorta was initially 

provided by Terumo Aortic (Fig. 5.8 a). This file was imported to Abaqus where nec-

essary manipulations took place: the aortic section above the renals was removed as 

well as a large part of the iliac arteries; in addition, an aneurysm was added (Fig. 5.8 

b). The 3D printing of the aorta was conducted by Malcolm Nicholls Limited (War-

wickshire, UK) and in order to be transparent, an essential characteristic for visual 

post-processing, it was necessary after manufacturing to be hand polished. Because 

of that, the CAD model was further cut in half to allow access to the technicians in 

both the exterior and the interior surfaces of the printed structure (Fig. 5.8 c1, c2). 

After printing and polishing, the pieces were glued together to reconstruct the vessel 

and delivered to us for the experiment. 

 

   

Fig. 5.8 The process of creating the CAD AAA model. The design model of a healthy aorta (a) 

was turned into a case-study AAA (b) and split in half to allow for hand polishing (c1, c2). 

(a)                                 (b)                                         (c1)                                (c2) 

1
24

 m
m

 

20.7 mm 
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 The size and angulation of the vessel was in the values observed in Chapter 3. 

The neck was 31.3 mm in length and its diameter was 20.7 mm while the maximum 

diameter of the aneurysm was 43.3 mm. Table 5.3 reports the relevant angles. Note 

that because the artery was modelled in a CAD software, some points were collinear, 

making a few angle projections impossible to measure.  

 

Table 5.3 Angles of the mock artery in degrees (refer to Section 3.1.2 for definitions). 

Angle Frontal plane 

(ΧZ-plane) 

Sagittal plane 

(YZ-plane) 

Transverse plane 

(XY-plane) 

φ3 180 180 _ 

φ5 = φ8 140 180 _ 

φ6 = φ9 128 180 180 

 

The material of the developed AAA was WaterShed® XC 11122, a resin with 

elastic modulus E ≈ 2 GPa. The thickness was set to 3 mm towards the outward direc-

tion of the CAD surface and the polishing finish achieved a 99% transparency.  

 The AAA print was cable-tied to a peg board to be held upright and the de-

ployment was conducted in the manner surgeons perform the EVAR: first the body 

was deployed and then the two legs (Fig. 5.9). The body of the AnacondaTM device 

used has the catalogue number OLB23 (resulting in 13% oversize at the neck region) 

while the legs were L12x100 (Fig. 5.9, right-side leg) and FL1213x110 (Fig. 5.9, left-

side leg). The legs were chosen to be different for variability; the former has 22 rings 

with a mean diameter of 12.25 mm while the latter accommodates 16 rings of 12.25 

mm and 6 of 13.31 mm. All three modules are illustrated in Fig. 5.2 d. Furthermore, 

the end sections (spikes) of the hooks were removed from the endograft as they 

could not penetrate the resin and would pose unnatural restrictions to the deployed 

geometry of the rings.  

Because of the stiffness of the resin, the vessel behaved as a rigid structure, 

and that proved to be a challenge for the delivery of the device. The sharp (90o) turn 

at the iliacs was very tight for the delivery system to move upwards and unusual force 
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was needed to introduce the catheter. All three delivery systems (for the three mod-

ules) were twisted and pushed to make the initial turn and the body section experi-

enced minor “jumps” at the time of deployment. The result of this strenuous delivery 

was the twist of the device, with the left leg being connected to the right iliac and the 

right leg to the left. Nevertheless, such a stent graft position can also occur in clinical 

practice if the iliacs are too tortuous. Because of that, the validation was pursued 

with this set-up, which can be thought of as a model of a challenging EVAR deploy-

ment. Pictures from the anterior, the posterior and the left and right views were 

taken to be used for the FEA assessment.  

 

 

 

Fig. 5.9 The AnacondaTM device deployed inside the mock artery. 

  

Right-side leg Left-side leg 
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5.3.2 FEA model and validation 

 

 Since the geometry of the AAA was built in Abaqus, making use of it in the FEA 

environment was trivial. Nevertheless, for the analysis to run, centreline points 

needed to be identified as well. For that purpose, the open source software vmtk 1.3 

[197] was used and centrelines were extracted in the form of a vector of points. These 

points were imported into Abaqus, yet final adjustments were necessary. Since the 

vessel and the centreline were imported into the FEA platform separately, the cen-

treline set needed to be rigidly translated and rotated in order to align with the ves-

sel. Furthermore, at the aneurysmal region, the points were laterally displaced to al-

low for the legs to be positioned correctly (if unmoved, the legs would overlap each 

other at the centre of the AAA). All these manipulations occur with minor user input 

which is related to the initial orientation of the vessel. 

 For the ring modelling, the endograft specifications of the manufacturer were 

used rather than measurements of the sample itself. It should also be noted that be-

cause of the way the model is built, no ring of the iliacs can be placed more proximal 

than the bifurcation of the body module. In other words, if the leg deployment occurs 

high enough to surpass the graft bifurcation (as in the current set-up, where the top 

iliac ring has almost reached the most distal body ring (Fig. 5.9)), then no iliac ring 

above the bifurcation will be modelled.  

 Before the analysis, the shortest non-dynamic time period needed to be iden-

tified as well. For that, Abaqus offers an eigenfrequency extraction procedure which 

computes the natural frequencies of a structure. Using this process, the period, 𝑇0 =

0.0135 s, of the lowest mode of the endograft was calculated and a time period of 

1.5𝑇0 was used for most FEA steps. The stages of the analysis follow the steps de-

scribed in Section 5.1 with the exception of the pressurization steps, which were 

omitted since the vessel is rigid.  

Mass scaling was used throughout the analysis to increase the minimum sta-

ble time increment, thus speeding up the solution process. The kinetic energy (ALLKE) 

of the deformable structures though, was monitored to not exceed 10% of their in-

ternal energy (ALLIE) for most of the simulation process. This ratio was significantly 
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increased only during delivery, yet that did not raise a problem since, at the delivery 

step, the analysis is displacement driven and the endograft is confined inside the 

catheters, hence the inertia effect on the rings is minimized. The ratios of ALLKE/ALLIE 

at the end of the simulation was 2.4%, securing a static solution.  

 The analysis run on 12 cpus (Intel® Xeon®, 3.4 GHz) with 64 GB RAM and the 

analysis time was 4h 14m, a result much faster than the times reported in the litera-

ture. A video of the analysis is presented in Video 5.1. 

 

 

Video 5.1 The Full Device Model during simulation. The endograft in reference to the vessel 

(left) and with the meshing being visible (right). The catheters have been supressed to allow 

for better visualization. For the video, refer to the pdf version.  

 

 With the solution in place, the FEA output was rotated in space to correspond 

to the views captured in the mock artery deployment. It should be noted that the 

identification of the visualization plane that corresponds to the plane of the photo-

graphs was conducted manually, using the AAA outline as guidance. This process, 

though, has inevitably introduced errors since it is practically impossible to identify a 

plane in space through trial and error. This challenge most likely exaggerated the 

maximum distance error between the model and the experimental rings.  

 The following figures (Fig. 5.10 – 13) demonstrate the superposition of the 

experimental and the FEA results. The maximum error is reported subsequently. 
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Fig. 5.10 The AnacondaTM device experimentally (a) and virtually (b) deployed inside the mock 

artery. At the superposition (c), the FEA rings are highlighted in red. Front view.  

 

 

 

a                                          b  

c  
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Fig. 5.11 The AnacondaTM device experimentally (a) and virtually (b) deployed inside the mock 

artery. At the superposition (c), the FEA rings are highlighted in red. Back view.  

 

a                                            b  

c 
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Fig. 5.12 The AnacondaTM device experimentally (a) and virtually (b) deployed inside the mock 

artery. At the superposition (c), the FEA rings are highlighted in red. Right view.  

a                                               b  

c 
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Fig. 5.13 The AnacondaTM device experimentally (a) and virtually (b) deployed inside the mock 

artery. At the superposition (c), the FEA rings are highlighted in red. Left view.  

a                                      b  

c 
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 The maximum error for the FEA model is defined as the maximum 3D distance 

between the experimentally deployed and the virtually deployed rings and can be 

calculated from the superimposing images above. Since the pictures are taken from 

2 perpendicular planes, the 3D distance between any two locations can be expressed 

as 𝐿 = √𝑎2 + 𝑏2 + 𝑐2, with 𝑎, 𝑏, 𝑐 being the components of this distance at the x, y 

and z direction. The 𝑎, 𝑏, 𝑐 values can be easily identified in the figures for the areas 

with the greatest discrepancy.  

 This analysis showed that the maximum error was located at the anterior peak 

of the 6th ring of the left iliac leg (the black box in Fig. 5.10 – 13 c highlights the ring). 

The 3D distance between the FEA peak and the experimental one was identified to 

be 12.6 mm.  

It was generally observed that the aneurysmal region was the area of greatest 

errors. This comes as no surprise. In reality, during delivery, endografts follow the 

path of least resistance and not the one described by the centrelines of the vessel. 

This has obvious implications in the deployed position of the device, and in more tor-

tuous aneurysms will generate even higher errors. Yet because in the aneurysmal re-

gion endografts are less restricted, they experience low angulations, hence the accu-

rate prediction of this section is less important from a mechanical point of view.  

 The discrepancies produced at the high contact regions were much lower. The 

last ring of the right-side iliac leg was chosen as a representative case of a high error 

ring in the non-aneurysmal site and the 3D distance between the FEA peaks and the 

experimental ones was measured to be 3.4 mm. This value is well below the 5 mm 

threshold that has been set as target for the accuracy. It is interesting to note that 

part of this error corresponds to the inability of the model to capture the rotation 

along the longitudinal direction of each module. For example, the FL1213x110 iliac 

leg twists along its length as can be seen in Fig. 5.11. This is most probably the result 

of unsheathing and cannot be replicated by the FEA model.  

 Regarding the behaviour of the fabric, folds have been reproduced. The accu-

racy of them is not quantified but it can be seen that in most cases, folds tend to 

occur in the same regions for both the experiment and the simulation. Furthermore,  
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Fig. 5.14 Detail of the proximal (a & b) and distal (c & d) regions of the endograft. The fabric 

folds are visible both for the body and the left-side iliac leg modules while the highlighted 

regions are well predicted regions of high wrinkling. In (c) & (d) the axial twist mismatch is 

also visible. 

(a)                              (b) 

(c) 

(d) 
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Fig. 5.15 Maximum principle strain of the fabric (a) and of the equivalent wire rings (b). Because of the 

simplifications followed, the magnitudes are not accurate, however strain distribution can highlight 

the areas that have the highest risk of failure.  

(a)                 (b) 
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intense wrinkles that can affect flow have been modelled correctly as can be seen in 

the highlighted areas of Fig. 5.14.  

In general, the simulated locations of greatest interest (proximal and distal 

regions of the endograft) demonstrate good agreement with the experimental re-

gions, while the macroscopic shape of the flow lumen has been accurately captured 

for the entire length of the device. 

For completeness, the strains developed in the model are also reported (Fig. 

5.15). It has already been discussed that the simplifications adopted do not allow for 

the accurate prediction of strains; nevertheless, strain distribution can still be of 

value, as it may be able to highlight the areas that need special attention due to an 

increased risk of failure. These areas could be examined more closely, later on, using 

the Ring Model developed in Chapter 4. 

 This analysis illustrates that the Full Device Model can deliver a valuable ap-

proximation of the deployed position of the AnacondaTM device in a quick time frame. 

The analysis cannot serve as a robust validation as more cases would be necessary 

for that, yet the capabilities of the developed algorithm are evident and the cost ef-

fectiveness quantifiable.  

 

5.4 CFD: proof of concept 
 

As already mentioned, the simulation of a full device deployment can serve 

as an initial stage towards a hemodynamic analysis. And although the current body 

of work is not focused on such a study, it is very tempting to use the model in a CFD 

simulation, as a proof of concept.  

 Herein a CFD analysis is attempted in order to capture the effect graft wrinkles 

have on the flow field. To achieve that, the analysis presented on the previous section 

(5.3.2) was repeated and after the endograft deployment, the fabric was pressurized 

at 𝑃𝑚 = 12.44 𝑘𝑃𝑎. The deformed graft geometry was exported from Abaqus and 

introduced to a series of software for smoothening and preparation. 
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(a)                                                         (b) 

(c)                                                        (d) 

Fig. 5.16 The deformed fabric geometry exported as an FEA result (a), smoothened (b), at-

tached to straight tubes (c) and reintroduced to Abaqus for CFD analysis (d).  
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Following the technique developed by Maclean (Terumo Aortic), the exported 

geometry (Fig. 5.16 a) was introduced to the open-source mesh processing software 

MeshLab for mesh simplification and smoothing (Fig. 5.16 b). Subsequently, the ge-

ometry was introduced into Materialise 3matic (Materialise NV, Leuven, Belgium) 

where an inwards offset of 0.2 mm was applied to the fabric to resolve small pene-

trations existing at the crossing of the legs while straight tubes were connected to 

the inlet and outlets to improve the boundary condition implementation (Fig. 5.16 c). 

Finally, the structures were merged together and re-introduced into Abaqus for the 

CFD analysis (Fig. 5.16 d). 

 The flow was assumed to be incompressible and the blood non-Newtonian 

with density 𝜌 = 1060 kg/m3 and dynamic viscosity described by the Carreau-Yasuda 

model:  

     𝜇 = 𝜇∞ + (𝜇0 − 𝜇∞)[1 + (𝜆�̇�)0.64]
𝑛−1
2  (5.10) 

where �̇� denotes the scalar shear rate. The shear viscosity at low shear rates, 𝜇0 = 

0.16, the shear viscosity at large shear rates, 𝜇∞ = 0.0035 and material coefficients 𝜆 

and 𝑛 were equal to 8.2 s and 0.2128 respectively, following common values found 

in the literature [105,106].  

For the analysis, 3 cardiac cycles were simulated for pulse cycle independency 

with a parabolic velocity inlet (flowrate = 2.5 L/min for 60 bpm) and pressure outlet 

(83 – 122 mmHg) that followed the waveforms of Fig. 5.17. These conditions repre-

sent only one scenario of the possible boundary conditions present in the human 

aorta. Additionally, a no slip condition was applied at the walls. 7 million 4-node linear  

Fig. 5.17 The velocity (left) and pressure (right) waveforms as implemented in the inlet and 

outlet of the aneurysm respectively. The black marks refer to time-points of output. 
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tetrahedron (FC3D4) elements were used for the simulation and the analysis time 

was 12 hours on the same computing set-up as the one used in the previous section.  

Results for the velocity field, the vorticity and the time averaged wall shear 

stress (TAWSS) were computed because of their medical importance. Particularly the 

last two variables have been linked to ILT formation [198,199], an unwanted phe-

nomenon, especially when developed in the narrow regions of the endograft (i.e. the 

iliac legs). Note that TAWSS is defined as the integral of the magnitude of wall shear 

stress, 𝜏𝑊⃗⃗⃗⃗  ⃗, over one (herein the 3rd) cardiac cycle 𝑇:  

    TAWSS = 
1

𝑇
∫ |𝜏𝑊⃗⃗⃗⃗  ⃗|𝑑𝑡

𝑇

0
  (5.11) 

and was calculated using the trapezoid rule of integration. For the rest of the varia-

bles, output was retrieved at the moment of the maximum or minimum inlet velocity 

of the 3rd cardiac cycle (encircled points A and B of Fig. 5.17, respectively).  

Examining the velocity field output macroscopically, the result appears unaf-

fected by the existence of fabric wrinkles (Video 5.2), while the overall flow looks 

smooth, perhaps because endograft devices with crossed legs might promote a fa-

vourable hemodynamic effect [105,200]. The peak velocity appears at the iliac legs, 

as reported in previous studies as well [201].  

When closely examining the folds though, the effect of the wrinkles becomes 

evident. Especially in large folds, the velocity of the blood decreases dramatically 

leading to areas of almost stagnant flow even when the inlet flowrate maximizes (Fig. 

5.18 c). Moreover, when the velocity of the inlet reaches its minimum, flow recircu-

lation occurs (Fig. 5.18 d). A similar behaviour can be observed in smaller fabric folds 

too, yet the effect is less strong.  

When investigating the TAWSS and the vorticity, the impact of the folds also 

becomes evident (Fig. 5.19). The pattern of both variables closely matches the pat-

tern of the fabric’s creases, highlighting the effect these geometrical characteristics 

might have in the drag forces developed in the endograft and as a consequence, in 

its ability to resist migration. In addition, the areas of low TAWSS should be closely 

monitored as they are prone to thrombus formation. 
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Video 5.2 The velocity field during all 3 cardiac cycles (in m/s). For the video, refer to the pdf 

version.  
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In summary, the inclusion of fabric folds has been shown to affect the hemo-

dynamic fields of the stented AAA with the major wrinkles posing threats to the suc-

cess of EVAR by disturbing the flow pattern and causing low wall shear stresses that 

can result in thrombus formation and occlusion. As it is apparent, only a high fidelity 

geometrical model of the deployed endograft has the ability to capture these effects. 

As a result, the capability of the developed model to be used for such meticulous CFD 

Fig. 5.18 Detail of the fabric folding between the 2nd and 3rd proximal ring of the endograft. 

The mesh (a), the mesh with the velocity vectors superimposed at time point A (b) and the 

velocity vectors at time point A (c) and point B (d) are visualized. Recirculation can be ob-

served at the bottom left part of image d. Unit is m/s. 

a.                                                  b.  

c.                                                  d.  
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analyses highlights its strengths and merits while it also concludes the final objective 

of the thesis.  

 

 

5.5 Discussion and summary 
 

A computationally efficient AnacondaTM model was set as a goal of most im-

portance in the current body of work. The aim was to develop the numerical frame-

work for full device deployment into patient specific geometries, able to predict the 

post-op position of the stent graft as well as allow its output to be used for hemody-

namic analyses. Such a model can be a powerful tool in EVAR planning and assess-

ment as well as endograft development and patient-specific designing.  

Fig. 5.19 The TAWSS (a) and the vorticity (b) at time point A (units are Pa and s-1 respectively), 

as developed on the boundary layer of the fabric. 

        (a)                                          (b)  
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 Driven by the severe geometrical and contact non-linearities of the problem, 

the explicit solver of Abaqus was utilized. In that framework, the ‘equivalent beam’ 

approach was used to model the scaffolding of the device without the inclusion of 

the manufacturing process. To further favour the efficiency of the model, the graft 

was constructed with regions of excess fabric already embedded to its design; that 

way there was no need to perform the ring/fabric tying on a straight graft tube fol-

lowed by an equilibrium step that would prolong the analysis, as demonstrated in 

other approaches [195]. The appropriate size of the excess fabric areas was shown to 

be easily calculated from experimental measurements and these measurements 

were conducted in a series of fabric tests that can feed both the Ring Model and the 

Full Device Model. Finally, the graft design incorporated all three endograft modules 

into one, omitting the computational cost of the interaction between the different 

parts of the device.  

 Following the endograft construction, delivery and deployment of it needed 

to be addressed. The relevant strategies that can be found in the literature range 

from simple stent deployment inside straight vessels [70,84] up to excessively pres-

surizing curved vessels to a point where they can host originally-straight stent devices 

[83], and from moving stents along a guidewire [90] up to using thick, rigid vessel 

centrelines as quasi-guidewires to follow [163]. Yet herein, a different approach was 

chosen due to its computational efficiency and robustness when dealing with com-

plicated vessel geometries.  

As already mentioned in other works [165,179], a catheter can be used to 

move a stent graft inside a vessel and capture its curvature faithfully. The strategy 

developed here involves 3 sets of catheters, one for each stent module, which can be 

prescribed the appropriate boundary conditions so as to follow the aortic centrelines. 

One cylinder of each set is responsible for the delivery and one for the deployment 

of every stent part. With this delivery technique, there is no need to follow analytical 

curves as other studies have suggested (e.g. [92] used circular arcs to approximate 

the vascular shape). As a result, the endograft can faithfully follow the path of the 
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aorta and subsequently be deployed inside the artery in a quick and automatic man-

ner, no matter its geometry.  

 The next challenge identified was the prescription of boundary conditions in 

the deployed endograft configuration and it was addressed with the creation of ref-

erence points linked to every saddle of the model. These entities, in conjunction with 

the peaks and valleys of each ring, allow the use of different coordinate systems that 

adequately describe both the pre and post deployment stent graft orientations. 

 In order for the model to be validated, a transparent mock artery was 3D 

printed and a full stent device was deployed inside it. The aortic wall was chosen to 

be rigid so as to minimize the impact of the material model of the vessel into the 

analysis. The experiment was then reproduced numerically with a shell vessel that 

had the same surface as the inner surface of the printed aneurysm and the difference 

between the two deployments was used as a metric of the simulation error.  

Superimposed visualization of the experimental photos and simulation is usu-

ally used only for a qualitative assessment (see for example [110,179]), yet herein 

measurements were taken in different image planes to determine the error. The max-

imum 3D distance between the FEA and the experimental device was 12.6 mm yet 

the average error was significantly lower. Because of the technique followed, the pre-

cise identification of the mean error is impossible, yet the calculation of specific rings 

in the non-aneurysmal region showed that the error is much less than the 5 mm 

threshold.  

The AnacondaTM deployment performed by Perrin et al. [195] demonstrated 

similar accuracy. For comparative reasons, only the errors of the in vitro case of their 

study is considered here, since this case was the one involving a rigid AAA. In that 

study, the FEA result was registered to the scanned post-deployment endograft ge-

ometry and the registration matrix of the simulated device allowed the calculation of 

the position error vector. That way the distance between the predicted place of each 

ring and the actual post-deployment position of it were computed. Although the met-

ric could not take into account differences at the axial angle of deployment or the tilt 

of the plane of deployment, it could measure the longitudinal position error along 
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the axial direction of each stent and the transverse position error, normal to that. 

Results showed that the maximum longitudinal error for the rigid phantom case was 

11 mm whereas for the transverse direction the maximum error was over 7 mm. Fur-

thermore, the normalized diameter error for each stent was also computed and 

found to be 35% at the most. In this analysis, like the one presented herein, the av-

erage error of the rings was much smaller, generally below 5 mm. 

Since the act of stent deployment (even in lab conditions) is not highly repeat-

able, all models will generate some errors when compared to post-op images. Taking 

into account that even in simple bending tests, the positional error of stents can reach 

4.0 mm [202], one can better appreciate the technical difficulties involved to create 

an accurate FEA prediction of EVAR.  

 Equally challenging is to obtain valuable numerical results in a computation-

ally efficient manner. The virtual deployment of FE stents in the literature is reported 

to take tens of hours making the runtime a significant restriction in design develop-

ment and patient-specific assessment. Herein, the runtime was significantly reduced 

with the wall-clock time being slightly over 4 hours in a 12 cpu computer.  

The key reasons for the cost effectiveness of the developed model can be 

summarized below: 

 

1. Effective fabric design that allows for a quick ring/graft tie 

2. Efficient ‘equivalent beam’ approach 

3. Quick and robust delivery technique 

4. The 3 endograft modules are modelled as one, hence different part inter-

actions and appropriate assembly during the analysis are omitted 

 

Despite the merits described, the model has still some significant challenges 

to overcome. More specifically, in the deployed set-up, some stent rings did not come 

in full contact with the vessel, meaning that their deployment was not perfect. The 

reason might be related to the graft material model which does not represent the 

real graft as well as the contact conditions between the various shell surfaces (bun-

dles, fabric, catheters, AAA) which are not the most realistic in contact interactions. 
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The contact between the rings and the fabric was also challenged in some regions 

(see Fig. 5.14 d), probably, once again, because of the element formulations. In gen-

eral, 4 node shell elements (fabric and catheters), 4 node surface elements (bundles) 

and 4 node rigid shell elements (vessel) are not the most suitable for contact defini-

tions, hence the efficiency they provide comes at a price.  

Adding to the fabric challenges, the sharp curvature changes of the fabric def-

inition are slightly evident at the deployed configuration as well (Fig. 5.20), causing 

an unwanted effect; once again, the fabric material should ideally be improved while 

the addition of a fillet could smoothen the sharp edge transitions.  

Fig. 5.20 The edges of the original graft design are visible in the deformed configuration (red 

boxes).  
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Lastly, the rings of the leg modules that correspond to the docking zone of the 

AnacondaTM body should be less deployed (Fig. 5.20) replicating the reduced diame-

ter of the region. In the post-processing of the analysis it became evident that the 

Axial Connectors used for the purpose could not act as intended. Ideally, the connect-

ors should be activated after compaction (similar to the strategy used in the Ring 

Model), yet the absence of the ‘Model Change’ option does not allow for that. As a 

result, connectors were defined with non-linear elasticity to allow for an easy com-

paction and stiff deployment beyond the docking diameter, yet the results were not 

satisfactory.  

These insights can further guide the development of the framework. Never-

theless, the overall behaviour of the simulation showed that, even in its current state, 

the model can be used as a preliminary EVAR predictive tool especially for the non-

aneurysmal regions, the overall shape of the flow lumen and the existence of major 

fabric folds that would impede the flow. 

To more thoroughly validate the model, more AAA geometry cases should be 

considered. Ideally, sharp rigid vascular corners (like the ones that were present at 

the iliacs) should be avoided and micro-CT scanning could be employed. Further-

more, the study of simpler geometries like the deployment of iliac leg modules into 

simple curve tubes could better illustrate the effect of fabric and could also prove 

useful for more accurate Axial Connector definitions for the Ring Model. Herein, it 

was observed that the deployed shape of the device was primarily affected by the 

fabric geometry (e.g. length of the curved sections of the graft) and the assigned dis-

placement 𝐿𝑢𝑛𝑠𝑡ℎ𝑒𝑎𝑡ℎ  during compaction. Finally, it was confirmed that changes in 

the material of the rings did not lead to any significant variations in the shape of the 

device, as it was initially hypothesized.  

 Further to the structural analysis, it was successfully demonstrated that the 

output of the FEA simulation can be used as input for a CFD investigation. Unfortu-

nately, buckling and kinking incidents are not rare for endograft devices [203], espe-

cially in tortuous arteries [166]. Such events can result in flow disturbances, throm-
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bosis and eventually to ischemia [204], jeopardizing the health and life of EVAR pa-

tients. As a result, the in-depth understanding of the consequences the deployed 

shape of the stent graft has to the hemodynamic is crucial, yet not trivial to acquire.  

Herein, the capability of the developed model to address such questions was 

presented, with a proof-of-concept implementation of the high fidelity fabric geom-

etry into a blood flow study. It was observed that the fabric fold pattern significantly 

affects the wall shear stress and the vorticity pattern, while major graft wrinkles were 

shown to result in flow disturbances, stagnant areas and recirculation. These effects 

imply that the inclusion of a realistic fabric shape into a hemodynamic analysis could 

bring new insights into the EVAR prospects of success and eventually lead to im-

proved endograft designs. Since the smooth-graft approximation cannot incorporate 

those clinically crucial characteristics, it is hoped that the current study will bring 

more attention to the topic and help for more realistic simulations to be conducted 

in the future.  
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Chapter 6 

Summary and Conclusions 
 

 

 

 

This thesis presents the development of advanced FEA techniques to simulate 

a ring stent graft device which can treat patient specific AAAs. Towards that goal, the 

patient specificness of the abdominal aortic aneurysms had first to be defined and 

explored. Subsequently, numerical models were developed to study the basic struc-

tural unit of the AnacondaTM device as well as the full endograft.  

The current Chapter concludes this body of work by providing a summary of 

all analyses conducted, by discussing the extent to which the thesis objectives were 

met, by reviewing the limitations present and by proposing future work.  

 

6.1 Summary 

 

The endovascular aneurysm repair treatment for AAAs is a fairly recent med-

ical development that has seen great advancements in the last decades. Yet, the va-

riety of shapes and sizes in which these aneurysms manifest themselves is vast. It is 

because of this that when a single device is available at a clinical centre, suitability 

rates of EVAR candidates drop dramatically, suggesting that there is no one device 

able to be used in all EVAR cases [47]. Furthermore, when devices are custom de-

signed (like fenestrated devices are), they achieve greater contact with healthy artery 

and are less likely to migrate [25], hence offering better clinical outcomes. These ob-

servations, among others, point out the importance of the endograft design and the 
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benefits a patient could receive if custom devices were more regularly offered in clin-

ical practice.  

 As a first step towards that end, the present body of work focused on the 

identification of the patient specific characteristics of the AAA. Dimensional and an-

gular variables were recognized, measured and statistically analysed in a set of 258 

patients. The detailed analysis of variations in the aneurysmal shape of AAA patients 

is important twofold. First, it allows researchers and stent graft manufacturers alike 

to establish the topological landscape under which medical devices have to operate 

in. This was the main drive for the current analysis as well. Furthermore, though, it 

can enhance our understanding of rupture. It has been argued that AAA wall stresses 

differ from patient to patient primarily due to differences in aneurysmal geometry 

and secondly due to differences in the aneurysmal material properties [78]. If that is 

the case, an elaborate yet universal aortic constitutive model combined with a de-

tailed patient specific geometry might be the best way to assess AAAs’ risk of rupture 

and perform FEA stent analysis.  

 With the boundary framework being set, a FEA model of a bundle ring was 

developed, able to capture the strains induced to the structure during manufacturing. 

The novel modelling approach presented allowed the Ring Model to successfully pre-

dict the radial forces and the strains developed in its structure while at the same time 

be computationally inexpensive. Furthermore, the development of an aortic model 

allowed the stent ring to be examined under various conditions and important con-

clusions were drawn regarding the oversizing, the friction coefficient between the 

stent and the vessel and the cross section of the aneurysmal neck. 

 Lastly, a Full Device Model was generated and compared against an experi-

mental deployment into a 3D printed AAA. The model was able to predict the posi-

tional outcome of the EVAR-like set-up in a mock artery. Significant modelling chal-

lenges needed to be overcome for such an analysis, yet the model produced errors 

similar to the ones reported in the literature while it demands an order of magnitude 

less runtime than its equivalent counterparts. Furthermore, the use of such a model 

need not be limited to EVAR positional predictions. More specifically, the utilization 
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of it in CFD analyses can be of great value. As demonstrated in a hemodynamic inves-

tigation, a more detailed flow study can be accomplished by taking into account the 

fabric folds, revealing small scale disturbances that cannot be predicted following the 

generally used approximation of a smooth graft boundary. 

All the Abaqus models presented herein are the result of scripts written in 

python. Since these codes lie at the core or the thesis, these scripts, along with the 

in-house algorithms for the aortic angle and the aortic cross section calculations, will 

be submitted to Pure (pure.strath.ac.uk), Strathclyde’s data repository, where they 

will be kept for at least 10 years after deposit. Nevertheless, access to some of them 

will be limited due to commercial sensitivity.  

The codes are highly automated and require from the user a small amount of 

necessary inputs, generally limited to the geometrical specifications of the endograft 

to be simulated. The ease of using these scripts is aligned with the aim of the thesis 

to provide models that will be used for analysing endografts beyond the completion 

of the current body of work. The will to produce tools and results of value to the 

medical practice underlined most decisions taken in the current thesis. It is highly 

hoped that this was achieved.  

 

6.2 Conclusions 
 

Given the attention AAAs have received in the literature, it is surprizing that 

no rigorous shape studies have been conducted to document and understand their 

morphology. To ameliorate the need, the present thesis has proposed a framework 

under which the angulation of the abdominal aortic tree can be recorded.  

 By analysing the shape of 258 AAA patients, 10 angles were identified as cru-

cial to describe the geometry of a given aneurysm. Measurements of these angles in 

the patient dataset allowed the identification of their median and extreme values in 

different planes. These results allow the characterization of a given aneurysm from 

representative all the way to worst case for any region of interest driving forward 

stent design modelling and in the future, maybe, clinical decisions. The absence of 
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correlation between most of these angles suggest that an investigator is free to con-

struct any extreme aortic geometry case study with the values reported herein in a 

mix and match manner. 

The angular analysis was accompanied by the identification of 9 dimensional 

variables also significant (and much more commonly examined) for the description 

of the aortic geometry. If both sets of variables are used, then a given AAA can be 

described in much detail. Statistical analysis showed that no dimensional variable fol-

lows the normal distribution. Furthermore, a positive correlation between age and 

tortuosity was observed, as well as an absence of connection between age and size 

of the aneurysm. Gender differences were also identified in the aneurysmal neck.  

To the author’s knowledge, for the first time a rigorous examination of the 

cross section of the aortic neck was conducted. Using two different metrics for the 

perimeter of the intima, the commonly accepted circularity assumption was chal-

lenged. The analysis showed that although the median average ellipticity doesn’t lie 

far from a circle, aneurysmal necks with very elliptical cross sections do exist. And 

since no correlation was found between the circularity metrics and the other varia-

bles examined, it is implied that separate attention needs to be taken for the cross 

sectional geometry of the aortic neck when assessing EVAR suitability and stenting 

outcomes.  

This extended analysis successfully addressed one of the key goals of the the-

sis, namely to describe and quantify patient specificness. At the same time, valuable 

knowledge for stent designing was attained via the documentation of the range of 

geometric variables.  

A 2009 study reported that when it comes to an elective AAA operation, pa-

tients are over six times more likely to prefer EVAR over open aortic surgery [205]. 

Given the minimally invasive approach of the former, this should come as no surprise. 

Yet the failure of EVAR to produce better long-term results than open surgery is an 

alarming fact for the engineering world that needs to produce more reliable endo-

grafts.  
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FEA can assist this effort either by improving the endograft characteristics in 

general or by allowing tailor-made stent graft devices to be built on a patient-to-pa-

tient basis. Such personalized models are powerful since they can help design endo-

grafts that are optimized for the boundary conditions of the host vessel. As a result, 

the main goal of the thesis was to provide those tools necessary to increase the suit-

ability of EVAR and decrease the complications that come along with it. What that 

meant is that robust, realistic and computationally efficient models needed to be de-

veloped. This target was met in a very satisfactory level. 

A rarely modelled stent design was simulated with a novel finite element ap-

proach using beam and surface elements, accompanied with experimental validation. 

A saddle-pull test confirmed that the structural response of the bundle model is real-

istic while a comparison with a higher fidelity continuum FEA model showed that the 

prediction of strains is also reliable. Furthermore, the importance of manufacturing 

pre-strains was establish by demonstrating that exclusion of them quadruples the 

error of the simulation from a maximum of 7% to over 26%.  

Moreover, it was shown that the ratio of stent oversizing does not signifi-

cantly affect the COF exerted from the rings, given that the friction coefficient be-

tween the stent and the vessel is low. As a result, the importance of oversizing is 

closely linked to the stent/vessel interaction. For example, calcified necks could pos-

sibly be more sensitive to oversize than healthy ones are, since they provide a 

rougher interface. In any case, more experimental tests regarding the Nitinol/artery 

interface are needed. 

Following the cross section analysis of the aneurysmal neck, the effect differ-

ent clinical approximations have on the ring bundle were examined. The major axis 

approximation of the perimeter was found to underestimate the maximum strain by 

up to 51% and the total radial force by 14%. On the other hand, the minor axis ap-

proximation overestimated the maximum strain by up to 64% and the total radial 

force by up to 6%. Contrary to that, the rarely (if at all) used approximation of the 

average circle produced a much better estimation of the maximum strain and under-

estimated the chronic outward force by just 3.2% when compared to the respective 



200 
 

elliptical shapes. As a result, the average circle should be preferred as a cross section 

descriptor.  

Apart from its reliability and utilization for the acquisition of useful insights, 

the Ring Model developed was also shown to be cost effective. The solution time for 

all cases that involved ring deployments and cycling through systole and diastole was 

a few hours, making it viable for design studies. The high fidelity continuum model 

that was used for a comparative analysis needed anywhere from 7 to 23 times more 

runtime to produce results. 

Although the present study was specific to a particular stent design, the mod-

elling technique developed can be used in a straightforward way to similarly designed 

medical devices like ThoraflexTM Hybrid (Terumo Aortic) or other engineering appli-

cations regarding slender structures under large deflections and/or demanding con-

tact interactions. It should be mentioned that the ThoraflexTM Hybrid in particular, 

was considered during both the mesh convergence study (Section 4.2.2) and the Sad-

dle pull test validation (Section 4.2.4) where apart from the relevant AnacondaTM
 

rings, larger ThoraflexTM rings were also used since they share the same technology.  

The thesis has also produced a 6th order Yeoh model able to replicate the pres-

sure-radius behaviour of the healthy abdominal aorta. This model was used through-

out this body of work and proved very suitable for ring stent analyses as it can simu-

late the in vivo boundary conditions of a deployed ring, particularly in the healthy 

neck region. Since the model was validated against P-R data, it is one of the very few 

models available in the literature that can credibly help with stent graft assessment.  

 Further to the Ring Model, a Full Device Model was developed. This work met 

the objective of a complete device model that is able to predict the deployed shape 

and position of the endograft post-EVAR. The Full Device Model can be run for differ-

ent geometries, deployment conditions or stent’s initial placement and draw helpful 

conclusions for stent graft manufacturers and surgeons alike. Among other reasons, 

it can be used to examine challenging arterial topographies, understand the condi-

tions under which stent-vessel contact is compromised and illuminate the effect of 

fabric wrinkles in the creation of thrombus, leading to design improvements and 
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clearer rules of dos and don'ts during EVAR. Furthermore, simulations could be run 

after surgery in a patient specific manner and given post-op images, manage to rec-

reate the exact stent deployment present in the treated person. This can allow tailor 

made analysis of an implanted endograft leading to personalized alerts. If the de-

ployed stent is prone to migration or flow disturbances, medical treatment can be 

adjusted accordingly.  

The model developed herein was compared to an experimentally deployed 

AnacondaTM device and managed to capture a challenging, crossed-leg deployment. 

The maximum error of the simulation was identified to be 12.6 mm, yet the average 

error in the non-aneurysmal region was significantly smaller, well below the 5 mm 

threshold of clinical acceptance. Most importantly, the model achieved great compu-

tational efficiency providing results in a bit more than 4 hours, making it an order of 

magnitude faster than respective models in the literature. Furthermore, both the Full 

Device and the Ring Model require a small amount of user inputs, irrespective of the 

challenging deliveries that might be required to achieve. That way, the produced tool 

from this thesis is a user friendly code that can be set-up for any new case study in 

just a few hours.  

Ring Model 

Implicit solver 

Nitinol 

Multi-turn bundle 

Manufacturing process 

 

Radial force 

Stress/strain field 

Full Device Model 

Explicit solver 

Elastic material 

Single turn bundle with  
equivalent 𝐸𝐼  
 

No pre-strains 

 

Stent graft position 

Blood flow boundary 

Fig. 6.1 The two stent graft models developed in the thesis. 
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 As a last remark, it should be once again suggested that the Ring Model pre-

sented in Chapter 4 should be used for parametric studies or fatigue life analyses of 

1 ring (or small scaffolding sections, once the Axial Connectors are validated) because 

of its accuracy, while the Full Device Model developed in Chapter 5 should be utilized 

to capture the global characteristics of EVAR, such as endograft positioning or fabric 

shape. Fig. 6.1 provides a graphical outline of these models. 

 Concluding this section, the following list can be compiled outlining the key 

deliverables from the thesis: 

 

 A matrix, 𝜱, was established to describe the patient’s aortic shape 

 Representative and worst case AAA geometries were identified 

 AAAs can be created for case studies in a mix and match (angle) manner  

 Cross sections of the AAA neck can diverge from circularity and need to be 

examined case-by-case 

 Mean aortic diameter approximation should be used for the AAA neck in EVAR 

simulations 

 The 𝛭𝜀 of the ring is strongly affected by oversize, yet COF is mainly influ-

enced by the friction of the vessel/bundle interface 

 The inclusion of fabric folds allows a more insightful CFD study  

 

The thesis also delivered: 

 

 a phenomenological model that recreates the P-R response of the aorta 

 the most computationally efficient AnacondaTM ring model that can capture 

the mechanical characteristics of the bundle, to date 

 the most computationally efficient full AnacondaTM model that can predict the 

deployed endograft positioning, to date 

 

These outcomes address the original objectives set out at the end of Chapter 

2: the patient specific variability was established and a geometrical framework that 
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can help endograft advancements in future studies was developed; in addition, real-

istic yet computationally efficient stent models were created allowing for the me-

chanical evaluation of the stent rings, the prediction of the post-op shape of the de-

vice and the ability of the model to allow highly detailed CFD analyses. And all that 

for any target geometry, which is to say, for any patient specific host vessel. 

 

6.3 Limitations 
 

The work presented could not have been conducted if a series of approxima-

tions and simplifications were not followed.  

Regarding the vascular model, it was assumed that the wall was homogene-

ous and isotropic with constant thickness, while neither thrombus nor calcification 

were included. These assumptions are commonly made in the literature due to un-

certainties and variability of the human tissue as well as on the grounds of efficiency. 

Moreover, despite the fact that the abdominal aorta is connected to the thoracic 

aorta and the iliac arteries while at the same time stays in contact with the surround-

ing tissue and organs, these structures were not considered.  

Regarding the Ring Model, it is reminded that plasticity was not included in 

the Nitinol definition. Nevertheless, the results presented here do not suffer from 

this simplification since no case study experienced strains at the plasticity strain range 

(9-10%). It is mentioned, though, that experimental results have shown that some 

rings do enter plasticity when fully compacted, since permanent deformations are 

visible when retrieving the ring and unwinding the wire. If such ring configurations 

are of interest, the Nitinol model should be updated.  

Furthermore, as discussed in Section 4.2.5, the overlapping of the Nitinol 

turns does not allow the identification of differences along the width of the bundle, 

a limitation that could be important in 𝛥𝜀 analysis. Moreover, the circular shape of 

the bundle can only grossly approximate the cross section of the bundle ring. If de-

tailed contact conditions between the rings and the vessel are of interest (e.g. for 
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direct endoleak assessment or accurate description of the contact pressure field on 

the vascular wall) then this approximation might have significant implications.  

 Regarding the Full Device Model, the most significant developing constraint 

was the lack of the ‘Model Change’ option in Abaqus/Explicit, the technique that 

would allow a variety of important featured to be turned on and off during the anal-

ysis according to the demands of the simulation. This unavailability did not allow for 

the correct stress/strain Nitinol state to be included and affected the docking zone of 

the endograft as well. Furthermore, the omission of an appropriate constitutive 

model for the fabric material may have negatively affected the virtual deployment of 

the device, creating higher discrepancies from the experiment.  

 Although some initial work was conducted with the inclusion of the hooks, 

their complex boundary restrictions made some simulations unstable, leading to the 

decision to exclude them from most analyses and only somewhat recreate their axial 

mechanical effect. The metallic supports at the distal part of the body module as well 

as the sutures were also excluded from the analysis in the basis of efficiency and un-

necessary fidelity.  

 One aspect of the work that has not been highlighted enough is the occur-

rence of numerous instabilities encountered during the development of the models. 

Stability issues were present for almost the entire duration of the code development 

either because of the significant non-linearities of the problem or because of the Ni-

tinol implementation in Abaqus, especially when used in conjunction with beam ele-

ments. Unfortunately, Abaqus was found to have some unstable behaviours (bugs?) 

that given its “black box” solver cannot be thoroughly examined. As a result, from the 

main aim of creating a robust, realistic and computationally efficient stent model, 

robustness is currently the most challenging characteristic. Although most models 

work without problems, every so often some geometry proves to be a challenge and 

small manipulations are needed.  

These limitations, along with opportunities identified during the development 

of the thesis, drive the future work proposed below. 
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6.4 Future Work 
 

For an in-depth assessment of the AAA geometry, the study of angles pre-

sented in Section 3.1.2 should be repeated for healthy individuals as well as for the 

general AAA population (i.e. not only for those treated with EVAR) so as to compre-

hensively reveal the extent of change the aortic tree undergoes in the presence of 

the aneurysm. Ideally, the same should also happen for the cross section study con-

ducted in Section 3.1.4.  

 For the Ring Model, the inclusion of plasticity in the Nitinol model should be 

a priority, particularly if cases of more extreme strains are to be simulated. Further-

more, the cross section of the bundle could remain a shell surface yet with a non-

circular shape. Depending on the number of turns per ring, an adequate boundary 

perimeter could be drawn according to the circle packing theory’s optimal configura-

tion. This shell could better approximate the shape of the bundle.  

Regarding the Full Device Model, the use of fillet at the sharp curvature 

changes of the fabric definition would allow for a more realistic graft behaviour. More 

importantly though, a comprehensive study of the fabric material properties should 

be conducted and the material in use should be updated. In addition, the separate 

validation of the graft model and the conduction of experiments on small-length en-

dograft sections would allow an in-depth understanding of the way the scaffolding 

and the fabric interact; towards that end, the examination of iliac legs in simply 

curved vascular sections could serve as a helpful set-up. Detailed examination of the 

ring-to-ring interactions could also help the fine-tuning of the Axial Connectors used 

in Section 4.5 and progress the reliable scaling of the Ring Model. From a similar anal-

ysis, hook connectors could be finely adjusted as well. 

Regarding the full device validation, an AAA geometry that will allow a smooth 

experimental deployment should be preferred. Furthermore, the model should be 

tested in a deformable vessel as well, where the endograft will experience a more 

realistic equilibrium. Later on, since the radial forces due to blood pressure from the 

inner side of the device are partially counteracted by the aortic wall and the aneurys-
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mal sac pressure from the outside, the inclusion of more structural components (stag-

nant blood, thrombus etc.) will allow the model to be assessed against real EVAR 

cases. 

The use of the Full Device Model in CFD analyses should also be a priority. 

Section 5.4 illustrated the capability of the model to be used in hemodynamic inves-

tigations, yet the use of it in a great range of aortic angulations and different fabric 

slack case studies can provide a deeper understanding of the EVAR procedure and its 

complications. Such a potential should be utilized. 

Once the ‘Model Change’ option becomes available in Abaqus/Explicit, new 

possibilities will arise. As already mentioned, improved cross connector definition in 

the docking zone of the endograft will be feasible and easy to implement. Yet the 

prospects are far more exciting. With the ‘Model Change’ option applicable, the man-

ufacturing strains will be able to be captured and as a result, modelling of both Nitinol 

and multiple turns will be meaningful. In that set-up, all the advantages of 

Abaqus/Standard will be applicable on the Full Device Model of Abaqus/Explicit, prac-

tically leading to the merging of the two models. Note, though, that this would signif-

icantly increase the computational cost of the simulation while the full compaction 

of the endograft might be a challenge because of excessive fabric element warping. 

Despite this, a model as such is worth perusing as it would be able to deliver all im-

portant information in a – all things considered – cost effective framework. As a re-

sult, there could be a time where a patient’s CTA scans, along with their age, gender 

and blood pressure, could serve as the geometry, the material and the boundary con-

ditions respectively for personalized FEA EVAR simulations. By calculating the radial 

forces, the strains and post-op shape and position of the endograft, a model like that 

could suggest a treatment course to reduce migration, endoleaks and occlusions al-

together.  

Abaqus also offers a feature of predefining a stress/strain state field. This al-

lows the user to import to the simulation a deformed geometry from another simu-

lation and assign to it the stress/strain state it acquired during its original defor-

mation. This feature, though, is not currently available for beam elements. Once 
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Abaqus supports this option, all the endograft modules (all the sizes of bodies and 

iliac legs) could be simulated up to compaction; then, with every new AAA geometry, 

these pre-run models could be imported to the patient-specific geometry further re-

ducing the solution time cost, since only half the analysis would be necessary (that is, 

for the delivery and the deployment of the endograft). 

 Looking into further developing the simulations, a FSI model could be built 

around the Full Device Model. In such a case, the vascular material model should be 

updated and ideally take into account viscoelasticity which might alter the frequency 

response of the aortic wall [139]. A model like this will be able to provide the most 

holistic evaluation of an AAA patient and assist in crucial medical decisions.  

 An integrated FEA tool for developing, assessing and virtually deploying the 

AnacondaTM stent graft in patient specific AAAs will someday, hopefully, be part of 

the ordinary clinical routine. This thesis has tried to identify and tackle some of the 

major challenges towards that future. With an improved endograft technology and 

an enhanced understanding of the challenges associated with the AAA fixation, an 

extra step was taken on the road to better healthcare. Thanks to this and every other 

research effort on the field, EVAR suitability will be further increased while the asso-

ciated complications will be decreased. Thanks to every research effort, lives will be 

saved. 
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Appendices 

Appendix A – Statistical distribution of AAA variables 
 

The statistical distribution of the variables examined in Chapter 3 are docu-

mented below. Results concern the analysis of 258 AAA patients enrolled in the 2009-

2011 study: "Vascutek Anaconda stent graft system phase II IDE study".  

 
 

 
 

 

 Fig. A.1 Frequency distribution of age (a), average neck diameter (b), neck length (c), maxi-

mum diameter (d), distal diameter (e) and renal to bifurcation length (f). For variable defini-

tions refer to Section 3.1.3. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.2 Frequency distribution of volume (a), average tortuosity index (b), right iliac landing 

diameter (c), left iliac landing diameter (d), average ellipticity (e) and average circularity (f). 

For variable definitions refer to Sections 3.1.3 and 3.1.4. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.3 Frequency distribution of the angles φ1 – φ6 (images (a) – (f) respectively) in 3D space. 

For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.4 Frequency distribution of the angles φ7 – φ10 (images (a) – (d) respectively) in 3D 

space. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  
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Fig. A.5 Frequency distribution of the angles φ1 – φ6 (images (a) – (f) respectively) on the XZ-

plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.6 Frequency distribution of the angles φ7 – φ10 (images (a) – (d) respectively) on the XZ-

plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  
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Fig. A.7 Frequency distribution of the angles φ1 – φ6 (images (a) – (f) respectively) on the YZ-

plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.8 Frequency distribution of the angles φ7 – φ10 (images (a) – (d) respectively) on the YZ-

plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  
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Fig. A.9 Frequency distribution of the angles φ1 – φ6 (images (a) – (f) respectively) on the XY-

plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  

(e)                  (f)  
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Fig. A.10 Frequency distribution of the angles φ7 – φ10 (images (a) – (d) respectively) on the 

XY-plane. For variable definitions refer to Section 3.1.2. 

(a)                  (b)  

(c)                  (d)  
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Appendix B – Experimental fabric testing 
 

The relative change of distance between the rings of all the devices tested in 

Section 5.2 are documented below. The baseline (0%) of the graphs corresponds to 

the rest state. Furthermore, the notation of the saddles follows the patient’s perspec-

tive convention: Valley L refers to the left valley and is at the right side of Fig. 5.6 a. 

Similarly, Valley R refers to the right valley located at the left side of Fig. 5.6 a. Finally, 

Peak A and P correspond to the anterior and posterior sides of the image, respec-

tively.  

Each page contains the results of one device. Both the left and right columns 

represent the same data, but broken down differently. The left column of each page 

displays the data according to location whereas the right column according to the 

stent state.  
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OLB23 
 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

  

Fig. B.1 Fabric testing results of the body module of OLB23 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings is 

calculated per location (column A) and state (column B).  

          (A)              (B)  
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OLB25 

 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

 
  

Fig. B.2 Fabric testing results of the body module of OLB25 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings is 

calculated per location (column A) and state (column B).  

          (A)              (B)  
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OLB28 
 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

 

  
Fig. B.3 Fabric testing results of the body module of OLB28 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings is 

calculated per location (column A) and state (column B).  

          (A)              (B)  
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OLB30 
 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

 

  
Fig. B.4 Fabric testing results of the body module of OLB30 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings 

is calculated per location (column A) and state (column B).  

          (A)              (B)  
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OLB32 
 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

 

  
Fig. B.5 Fabric testing results of the body module of OLB32 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings is 

calculated per location (column A) and state (column B).  

          (A)              (B)  
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OLB34 
 

Along the length of the device Along the state of the device 

 

 

 

 

 

 

 

 
Fig. B.6 Fabric testing results of the body module of OLB34 device. Considering the rest state 

of the endograft as the baseline, the relative change of distance between each pair of rings is 

calculated per location (column A) and state (column B).  

          (A)              (B)  


