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ABSTRACT  

 

The overall objective of this thesis is to provide a new understanding of the degree of 

biomechanical heterogeneity that exists along the human aorta, against the backdrop 

of clinical literature reporting that patient outcomes depend on the distance of aortic 

repair from the heart. 

Spatial variance in human aortic bioarchitecture responsible for the elasticity 

of the vessel is poorly understood. We present a quantification of the constituents 

responsible for aortic compliance, namely, elastin, collagen and smooth muscle cells, 

using histological and stereological techniques along the vessel length. Using donated 

cadaveric tissue, a series of samples were excised between the proximal ascending 

aorta and the distal abdominal aorta, for five cadavers, each of which underwent 

various staining procedures to enhance specific constituents of the wall. Using 

polarised light microscopy techniques, the orientation of collagen fibres was studied 

for each location and each tunical layer of the aorta. Significant transmural and 

longitudinal heterogeneity in collagen fibre orientations were uncovered throughout 

the vessel. It is shown that a von Mises mixture model is required accurately to fit the 

complex collagen fibre distributions that exist along the aorta. Additionally, collagen 

and smooth muscle cell density was observed to increase with increasing distance from 

the heart, whereas elastin density decreased. Evidence clearly demonstrates that the 

aorta is highly heterogeneous in terms of bioarchitecture along its length, providing a 

microstructural basis for varying biomechanical properties spatially. 

Several limitations exist with the ex-vivo approach to aortic mechanical 

property characterization including; (i) sample dimensions are generally small, 

presenting difficulty in terms of tensile testing, (ii) medical legislation prevents 

extension of the operative field for the purposes of obtaining ‘healthy’ samples, 

essentially rendering all tissue excised surgically to be either diseased or dead, and 

(iii) samples are generally from isolated segments of the aorta which cannot be taken 

to represent the properties of the entire vessel. As an alternative, we adopt an in-vivo 

approach to investigate the spatial variance in biomechanics of the healthy human 

aorta. Accurate measurement of the kinematics and haemodynamics of the aorta 

however, presents a considerable challenge. We present a dual-VENC 4D Flow MRI 

protocol capable of capturing the unsteady non-uniform blood flow throughout the 

entire vessel and cardiac cycle, in addition to measurement of the dynamically 

changing geometry of the aortic wall. Cross sectional area change, volumetric flow 

rate, and compliance are observed to decrease with increasing distance from the heart, 

while pulse wave velocity is observed to increase. A non-linear aortic lumen pressure-

area relationship is observed throughout the aorta, such that a high vessel compliance 

occurs at low pressures, and a low vessel compliance occurs at high pressures. Results 

show that the biomechanical behaviour of the aorta is highly dependent on the time-

point of the cardiac cycle and on the spatial location relative to the heart.  
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We then turn our focus to characterizing the spatially varying non-linear 

compliance of the aorta in-vivo using a combined MRI/FEA framework and a novel 

physically motivated constitutive law. It is shown that in order to accurately capture 

the biomechanics of the aorta, the contractile elements of the vessel wall must be 

incorporated in the material model. The pre-stretch of elastin and the contraction of 

smooth muscle cells (SMCs) are applied, resulting in a reduction in the reference 

lumen area to a new equilibrium area. The novel constitutive law is also demonstrated 

to capture the key features of both elastin and SMC knockout experiments. A subject-

specific FE model is generated directly from the MRI data presented in Chapter 5, and 

the volume fractions of the constituent components of the aortic material model (i.e. 

non-linear elastic collagen, pre-stretched elastin, and contractile SMCs) were 

computed so that the in-silico pressure-area curves accurately predict the 

corresponding MRI data at each location. This leads to the prediction that collagen 

and smooth muscle volume fractions increase distally, while elastin volume fraction 

decreases distally. This finding is supported by the histological analyses presented in 

Chapter 4. The current study validates the inaccuracy in the assumption that the aorta 

exhibits a spatially uniform compliance along its length and a temporally uniform 

stiffness throughout the cardiac cycle.  

The effect of repair techniques on the biomechanics of the human aorta has not 

been rigorously investigated to date, resulting in significant levels of postoperative 

complications for patients worldwide. Furthermore, several studies show that cardiac 

death is dependent on the location of the aortic repair. We show using our combined 

MRI/FEA framework, that both endovascular aortic repair (EVAR) and open surgical 

repair (OSR) significantly alter the biomechanics of the human aorta. Following an 

EVAR, the aorta reaches a new equilibrium configuration due to the outward force of 

the implant being balanced by increased tension in the vessel wall. This additional 

strain being imparted on the aortic wall results in the material transition from the high 

compliance regime (HCR) into the low compliance regime (LCR). The stent-graft 

unloads from the crimped configuration during deployment and operates along the 

unloading plateau between diastole and systole. The direct effective stiffness of the 

implant is negligible compared to the high-stiffness of the artery wall in the LCR. As 

a result, the pressure-area relationship post-stenting between diastole and systole 

follows that of the local LCR slope of the aorta. The stented section follows the local 

LCR slope for the entire cardiac cycle, and as a result the effective change in diastole 

is more pronounced proximally versus distally where the bi-linearity of the pressure-

area curve is more pronounced. Finally, we also show that OSR results in a profound 

change in both the HCR and LCR slope, where a near zero compliance is observed 

throughout the entire cardiac cycle. The link between aortic heterogeneity and 

compliance mismatch uncovered may significantly advance the current understanding 

of the efficacy of aortic devices and their impact on the cardiovascular system. 
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CHAPTER 1 

 
INTRODUCTION  

 

1.1 Introduction to Thesis and Structure 

The aorta was first baptised by Aristotle in the 4th century BC, a term which derives 

from the Greek form �̇�𝑜𝜚𝜏έ𝜔, meaning ‘to lift’. The first known function of the aorta 

was simply to hang the heart (Antoniou et al., 2011). It is now known that its function 

is far more complex, and it represents an integral part of the cardiovascular system. 

Not only does the aorta serve as a conduit for blood transfer from the heart to the entire 

systemic vasculature, it also acts as an elastic chamber resulting in a reduction in left 

ventricular afterload, and an improvement in coronary blood flow and left ventricular 

relaxation (Belz, 1995). Otto Frank used the analogy of an old-fashioned fire hose in 

1899 to formulate the Windkessel theory and illustrate the buffering effect of the aorta 

(Kassab, 2006). 

In recent years, high levels of cardiac failure have been reported in patients that have 

undergone aortic repair close to the heart (Martín et al., 2008; Beach et al., 2017; 

Conrad et al., 2017), irrespective of the device used or the disease being treated. 

Patients who undergo repair of the distal aorta however, seldom suffer from such 

postoperative complications (Barakat et al., 2015; Atti et al., 2018). These findings 

warrant an investigation into the fundamental differences in the biomechanics of the 

aorta that could result in such drastic location dependent postoperative outcomes 

within the same vessel.  

The spatial variance in biomechanics of the aorta today remains poorly understood. 

Testing of surgically excised tissue is limited due to both sample size and legal 

constraints surrounding multiple excision sites. Testing of cadaveric tissue provides 

an alternative in the form of histological analyses, however tensile testing of the same 

is subject to questions regarding the effects of fixative on the mechanical properties. 
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In-vivo characterization through advanced medical imaging platforms and finite 

element analysis (FEA) provides the best possible platform for patient-specific 

characterization and preoperative planning. To date no clinically derived FE model of 

the entire human aorta has been developed and its mechanical properties characterised 

using a physically motivated constitutive law. In order to develop next generation 

devices for the treatment of aortic disease that minimise cardiac complications, an 

understanding of the regional biomechanics of the aorta must first be established. 

1.1.1 Objectives 

The overall objective of this thesis is to provide advance on the current understanding 

of aortic biomechanics, with particular focus on the importance of mechanical 

heterogeneity of the system. Novel complex diagnostic and computational 

methodologies are developed that ultimately combine to result in a framework for in-

vivo material characterization and preoperative planning capabilities. The specific 

aims are as follows: 

• Characterize the spatial variation in area fractions of the constituents of the 

aortic wall responsible for compliance in the human cadaveric aorta. 

• Develop and implement a novel non-invasive MRI framework for 

characterizing the regional biomechanics of the human aorta in-vivo. 

• Develop a framework for generating patient-specific FE models of the human 

aorta directly from the aforementioned MRI dataset. 

• Develop and implement a novel physically based anisotropic hyperelastic 

constitutive law and calibrate the mechanical properties of the aorta using the 

in-vivo deformation of the system. 

• Investigate the regional effects of stent deployment and Dacron repair on the 

mechanical properties of the patient-specific aorta.  

1.1.2 Thesis Structure 

Four studies form the backbone of the thesis. A brief outline of each chapter is outlined 

below. 

1.1.2.1 Chapter 1 

The remaining sections of the current chapter provide an outline of each chapter in the 

thesis. 

1.1.2.2 Chapter 2 

Chapter 2 presents an overview of the relevant literature to the proceeding work. 

Section 2.1 describes the form and function of the aorta, providing detail on the 

microarchitecture and wall layers of the vessel in addition to disease states, treatment 

options and postoperative complications. Section 2.2 provides detail on the literature 

to date on the regional biomechanics of the aorta, including histological studies, 

experimental testing, in-vivo imaging studies using 4D Flow MRI and existing 

computational models of the human aorta, providing insights and motivation for the 

work to follow in this thesis. In addition to the broad review of the literature provided 
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in Chapter 2, a more detailed analysis of the literature is also provided within each 

technical chapter (Chapters 4-7). 

1.1.2.3 Chapter 3 

Chapter 3 outlines the relevant theory that encompasses this thesis. An introduction to 

continuum mechanics is provided in Section 3.1, the principles of which are used to 

solve the simulations performed in this thesis. Section 3.2 describes the finite element 

method (FEM) in general, in addition to common integration schemes which are used 

in solving the boundary value problems outlined in Chapters 6 and 7. In Section 3.3, 

the theory surrounding optimization methods is discussed to motivate the work 

performed in Chapter 6. Finally, Section 3.4 details both the classical and quantum 

magnetic resonance theory required in order to provide a foundation for the work 

undertaken in Chapter 5. 

1.1.2.4 Chapter 4 

The spatial variance in bioarchitectural components of the wall responsible for 

compliance are quantified in 5 adult human cadavers with no previous history of aortic 

disease, in order to investigate whether or not microstructural heterogeneity exists 

along the human aorta. Elastin is the dominant protein in the wall proximally, whereas 

collagen dominates distally. With increasing distance from the heart elastin content 

decreases while both collagen and smooth muscle cell (SMC) content increases. 

Additionally, significant heterogeneity in collagen fiber orientation density is evident 

along the length of the aorta, with two families of perfectly symmetric fibers absent as 

commonly assumed in the majority of FE models to date. 

1.1.2.5 Chapter 5 

A novel dual-VENC 4D Flow MRI framework is developed and implemented in a 

commercial scanner, whereby the regional kinematics and haemodynamics of the 

entire aorta is characterised throughout the entire cardiac cycle. The aorta is most 

compliant proximally and stiffness increases with increasing distance from the heart. 

The pulse wave velocity forms an inverse relationship with compliance and increases 

distally. Furthermore, by plotting instantaneous pressure versus area, a non-linear 

compliance is uncovered in-vivo, whereby the aorta is highly compliant at low 

pressures and stiffens at high pressures. The framework developed provides both a 

novel methodology for characterising aortic biomechanics and new insights into the 

in-vivo behaviour of the healthy human aorta. 

1.1.2.6 Chapter 6 

A novel physically based constitutive law is developed that is capable of capturing the 

true biomechanics of the aorta in-vivo. It is shown that in order to accurately capture 

the mechanical behaviour of the aorta, the contractile elements of the vessel wall must 

be incorporated in the material model. The pre-stretch of elastin and the contraction 

of SMCs are applied, resulting in a reduction in the reference lumen area to a new 

equilibrium area. The novel constitutive law is also demonstrated to capture the key 

features of both elastin and SMC knockout experiments. A subject-specific FE model 

is generated directly from the MRI dataset presented in Chapter 5 and the novel 
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constitutive law is used to calibrate the regional material properties along the length 

of the aorta over a full cardiac cycle. Finally, in order to simulate the spatially varying 

heterogeneous pressure-area relationships uncovered in Chapter 5, our modelling 

framework predicts that the volume fraction of collagen and SMCs increases while the 

volume fraction of elastin decreases with distance from the heart. These computed 

spatial variations in collagen, elastin and SMC are strongly supported by histological 

analyses from Chapter 4. 

1.1.2.7 Chapter 7 

It is shown in the subject-specific finite element model developed in Chapter 6, that 

both endovascular aortic repair (EVAR) and open surgical repair (OSR) significantly 

alter the biomechanics of the aorta. Following an EVAR, the aorta reaches a new 

equilibrium configuration due to the outward force of the implant being balanced by 

increased tension in the vessel wall. This additional strain being imparted on the aortic 

wall results in the material transition from the high compliance regime (HCR) into the 

low compliance regime (LCR). The stent-graft unloads from the crimped 

configuration during deployment and operates along the unloading plateau between 

diastole and systole. The direct effective stiffness of the implant is negligible 

compared to the high-stiffness of the artery wall in the LCR. As a result, the pressure-

area relationship post-stenting between diastole and systole follows that of the local 

LCR slope of the aorta. The stented section follows the local LCR slope for the entire 

cardiac cycle, and as a result the effective change in diastole is more pronounced 

proximally versus distally where the bi-linearity of the pressure-area curve is more 

pronounced. Finally, we also show that OSR results in a profound change in both the 

HCR and LCR slope, where a near zero compliance is observed throughout the entire 

cardiac cycle. 

1.1.2.8 Chapter 8 

A discussion of key thesis contributions and future perspectives is provided. 
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CHAPTER 2 

 
BACKGROUND TO THE LITERATURE   

 

2.1 The Aorta 

The aorta is the largest artery in the body and plays the role of connecting the left 

ventricle of the heart to the entire systemic vasculature. Arteries can generally be 

subdivided into two categories; ‘elastic’ and ‘muscular’, based on their morphology, 

location and composition (Rhodin, 1980). Elastic arteries include the aorta, carotid 

and pulmonary arteries, and are closer to the heart. Muscular arteries include femoral, 

plantar and coronary arteries, and are closer to the capillaries (Humphrey, 1995). 

Significant variance in terms of their underlying tissue structure is evident in Table 

2.1, where elastic arteries exhibit a higher content of elastin and muscular arteries a 

higher density of smooth muscle. This architectural heterogeneity is associated with 

the distinct roles of both types of artery. Elastic arteries dilate and recoil, whereas 

muscular arteries undergo vasoconstriction to control pressure and blood flow. In this 

section, a detailed introduction to the aorta is described, including details of its 

morphology, its wall layers, common diseases that affect the vessel and common 

complications that follow the repair such diseases. 
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Figure 2.1: Schematic of major structural characteristics of principal segments of blood vessels 

in mammals (Rhodin, 1980). Permission granted by John Wiley and Sons. 

 

Table 2.1: Breakdown of medial layer of thoracic aorta and plantar artery (Fung, 1993). 

 Thoracic Aorta Plantar Artery 

 

Smooth muscle (%) 33.5 ± 10.4 60.5 ± 6.5 

Ground substance (%) 5.6 ± 6.7 26.4 ± 6.4 

Elastin (%) 24.3 ± 7.7 1.3 ± 1.1 

Collagen (%) 27.4 ± 13.2 11.9 ± 8.4 
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2.1.1 Aortic Morphology 

The candy cane shape of the aorta (Figure 2.2) facilitates both cranial and caudal 

perfusion of oxygenated blood following ventricular ejection. Its compliant nature 

allows for a portion of the kinetic energy associated with systole to be stored within 

the walls during extension. This is then released during diastole, forming a pressure 

wave transmission and converting the pulsatile flow profile of the left ventricular 

outflow tract (LVOT) to a steady flow downstream. The microarchitectural 

components of the wall that govern this compliance are outlined below. 

 

 

Figure 2.2: Morphology of human aorta. Real Anatomy, M. Nielsen, S. Miller, Wiley (2008). 

 

2.1.2 Tissue Microarchitecture 

2.1.2.1 Connective Tissue 

The primary function of connective tissue is to provide structural and mechanical 

support for other types of tissue (Young, O’Dowd and Woodford, 2013). It also 

mediates the exchange of nutrients and waste products between tissues (Ovalle, 

Nahirney and Netter, 2013), however this is outside the scope of the current work as 

we focus here only on the kinematics of the wall. In the context of the aortic wall, 

there are two main connective tissue components which contribute to the mechanical 

behaviour of the tissue; (i) extracellular matrix (ECM) components, and (ii) cellular 

components (Gasser, 2017). The ECM includes protein fibers such as elastin and 

collagen and a surrounding amorphous component known as the ground matrix which 

consists of proteoglycans, glycoproteins and glycosaminoglycans (Ross and Pawlina, 

2015). The cellular components consist of endothelial cells, smooth muscle cells, 

macrophages and fibroblasts among others, each of which play highly specialised roles 
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within the vessel wall. The wall can be regarded as having passive (elastin and 

collagen) and active (smooth muscle cell) systems which contribute to its mechanical 

properties. The passive components provide elasticity and tensile strength 

respectively, while the active component is concerned with the production of ECM 

components and vessel tone (Ross, 1971).  

Elastin, collagen and smooth muscle cells can constitute between 50% and 90% of the 

material of the wall, the rest is largely water, which governs the compressibility of the 

tissue (Y. Fung, 1993; Pedley, 2003). A number of studies have held ECM components 

responsible for changes in arterial stiffness (Brozovich et al., 2016), however SMCs 

are also accountable, in that they have been shown to play a major role in the overall 

arterial stiffness (Xu and Shi, 2014). We provide a focused summary below of the 

primary structural components of the ECM; collagen and elastin, as well as the 

primary cellular component that contributes to arterial stiffness; SMCs, in order to 

understand their roles in the kinematics of the system. 

2.1.2.2 Collagen 

Collagen is the most abundant protein in the human body and the main fiber found in 

most supporting tissues (Ovalle, Nahirney and Netter, 2013; Young, O’Dowd and 

Woodford, 2013). Its primary function is to provide tensile strength to connective 

tissues and resist pulling, stretching or tearing. In blood vessels and specifically in the 

aorta its function is to limit distension (Xu and Shi, 2014). Collagen consists of three 

polypeptide (or α) chains bound together to form helical structures that are 300 nm 

long and 1.5 nm in diameter which make up collagen fibrils. Collagen fibrils then 

bundle together to form collagen. There are over 28 different types of collagen, 

however collagen types I, II and III are arranged as rope-like fibrils and are the main 

forms of fibrillar collagen found in the arterial wall (Trelstad, 1974; Ross and Pawlina, 

2015). Fibers typically form a helical bundle around the elasin-SMC unit (Rhodin, 

1980; Shadwick, 1999; Agrawal et al., 2013a)  and appear wavy under light 

microscopy. The unfolding of their naturally crimped configuration during extension 

describes the material non-linearity observed during ex-vivo tensile testing (Clark and 

Glagov, 1985).  

2.1.2.3 Elastin 

Elastin, like collagen, is also a protein but is responsible for the elasticity of vessels, 

i.e., the passive return to their reference configuration following distension. The 

random distribution of gycines make elastin hydrophobic and allows for random 

coiling of its fibers. This permits elastic fibers to slide over one another in both loading 

and unloading (Xu and Shi, 2014). Microscopy studies also indicate that elastin is 

made up of repeating self-similar structures at many length scales (Gasser, 2017). In 

arteries, elastin is arranged into fibers (100-500nm) and sheets (1-2.2µm) interspersed 

about the ECM, together comprising up to 50% of the ECM dry weight (Xu and Shi, 

2014). Elastin is a critical component of blood vessels (and of the cardiovascular 

system as a whole) in the regulation of blood pressure and flow, particularly in the 

aorta. During systole (ventricular ejection), the aorta dilates to accommodate the 
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ejected blood column and elastin harnesses this kinetic energy as it distends. In 

diastole, the recoil of elastin is responsible for the continuation of blood flow and 

diastolic blood pressure, a process which is crucial for coronary perfusion (Wu et al., 

2015). 

2.1.2.4 Smooth Muscle Cells 

Vascular smooth muscle cells (SMCs) are the main constitutive stromal cells of the 

vascular wall (Lacolley et al., 2012). These cells, generally found in situations 

requiring sustained slow or rhythmic contractions (Lowe and Anderson, 2015), are 

involuntarily regulated by the autonomic nervous system and serve to regulate both 

ECM component synthesis and vessel tone. Here we are focused on the latter, i.e., 

their active role. SMCs, through contraction and relaxation of the elastin-contractile 

units (Milewicz et al., 2017), regulate blood flow and localized pressure in arteries, a 

mechanism responsible for the redistribution of blood to target areas within the body 

(Ovalle and Netter, 2013).  SMCs are typically spindle shaped and depending on the 

site, vary in size from 20 µm to 500 µm (Lowe and Anderson, 2015). Thin filaments 

(actin), thick filaments (myosin), and intermediate filaments (desmin and vimentin) 

together with a single nucleus make up the structure of SMCs, where contraction of 

thin and thick filaments cause the uniform contraction of the entire cell (Chamley-

Campbell and Ross, 1979). SMCs may enter a latch state and remain contracted for 

long periods of time without fatiguing. Furthermore, contraction may occur along the 

entire muscle producing extrusive movements, or they may contract in a wave like 

manner producing peristaltic movements (Ross and Pawlina, 2015). 

2.1.3 Aortic Wall Layers 

The walls of arteries are composed of three distinct layers known as tunics. Together, 

from the lumen outward, they make the Tunica Intima, Tunica Media, and Tunica 

Adventitia. Each layer consists of different types of cells and matrix proteins (Figure 

2.3) and serves a specific mechanical or mechanobiological function. 
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Figure 2.3: Layers of the Aortic wall (Gasser, Ogden and Holzapfel, 2006). Permission granted 

by the Journal of Royal Society Interface. 

 

2.1.3.1 Tunica Intima 

The tunica intima is generally referred to as the innermost layer of arteries and can be 

further split into three sub-segments; (i) the endothelium; (ii) the basal lamina; and 

(iii) the subendothelial layer (Y.-C. Fung, 1993). The endothelium, or luminal surface, 

is a monolayer of flattened epithelial cells that are aligned parallel to the direction of 

flow (Ovalle and Netter, 2013). Each epithelial cell is 15 µm wide and 25-30 µm long 

providing a smooth wall which is selectively permeability to water, electrolytes, 

sugars and other substances passing between the blood and the tissues (Chandran and 

Yoganathan, 2012). These epithelial cells are anchored on the basal lamina; a thin 

sheet-like membrane of connective tissue including collagen, proteoglycans and 

glycoproteins (Ross and Pawlina, 2015). The subendothelial layer is usually only 

present in large elastic arteries such as the aorta, and is comprised of network of 

interlaced collagen, elastin and SMCs (Lowe and Anderson, 2015). Combined, the 

adult aorta has an intima that is 100 – 150 µm thick which acts mainly in a sensory 

manner, and offers a negligible contribution to the mechanical properties of the wall 

(Chandran and Yoganathan, 2012). 

2.1.3.2 Tunica Media 

The tunica media is generally the most pronounced layer of the arterial wall ranging 

from 0.5 – 2 mm in thickness (Ovalle and Netter, 2013), and that which gives elasticity 

to the vessel (Pedley, 2003). The inner boundary of tunica media is bounded by the 

Internal Elastic Lamina (IEL), or a membrane that is not always distinguishable as an 

individual entity but represents the first layer of the many concentric elastic laminae 

(2 – 3 µm wide) in the media of the vessel (Ross and Barnash, 2009). Beginning at the 
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IEL, concentric layers of elastic sheets radiate outwards which are separated by 

interlaminar SMCs, collagen, and ground substance (Pedley, 2003; Lowe and 

Anderson, 2015). In this case SMCs are responsible for both the production of 

extracellular constituents and the regulation of vessel tone. The medial layer is for the 

most part, an avascular tissue (Lacolley et al., 2012) and it is the fenestrations in the 

elastic laminae that allows for the diffusion of nutrients through the wall (Ross and 

Pawlina, 2015). The external boundary of the tunica media is the outermost elastic 

layer also known as the External Elastic Lamina (EEL) (Y.-C. Fung, 1993; Ross and 

Pawlina, 2015). 

2.1.3.3 Tunica Adventitia 

The outermost portion of the arterial wall, the tunica adventitia is composed of 

collagenous fibres and ground substance that form a network of loose and disorganised 

connective tissue. In this regard, it is hypothesized that this layer is not as important 

mechanically, as the tunica media (Pedley, 2003). Additionally, from a cellular 

standpoint, fibroblasts and macrophages are dispersed throughout (Ross and Pawlina, 

2015). As the lumen supplies the intima and inner media through diffusion of nutrients 

and other substances, in thick walled vessels small blood vessels can be found in the 

adventitia known as the vasa vasorum. These vessels supply the outer portions of the 

arterial wall where radial diffusion is no longer possible due to excessive wall 

thickness (Ross, Pawlina and Barnash, 2009). An exception to this is the abdominal 

aorta. Lastly, the tunica adventitia also contain nervi vasorum, or a system of 

autonomic nerves that control contraction of smooth muscle and hence, tone through 

constriction and dilation of the vessel. In elastic arteries the adventitia is usually less 

than half the thickness of the media (Ross and Pawlina, 2015). 

2.1.4 Aortic Disease 

Aortic disease is among the leading causes of morbidity, mortality, and medical 

expenses in the United States (Caglayan et al., 2009). A summary of the two primary 

aortic diseases; aneurysm and dissection, is provided below. 

2.1.4.1 Aortic Aneurysm 

An aortic aneurysm (Figure 2.4) is defined as a localized dilation or bulge of the aorta 

resulting in decreased wall strength and subsequently increased rupture risk (Martufi 

2016). Conventionally, an aneurysm is considered a dilation of 50% larger than the 

original vessel diameter (approximately 30 mm for the aorta), however, aortic 

aneurysms are known to rupture at various sizes which poses a significant challenge 

to vascular internationalists worldwide regarding the optimum intervention time 

(McGloughlin and Doyle, 2010). Currently the threshold for intervention stands at a 

diameter of 6.5 cm for the descending thoracic aorta and 5.5 cm for the abdominal 

aorta (Balakhovsky & Volokh, 2014; Forsell & Gasser, 2013; Martufi & Di Martino, 

2014).  

This maximum diameter criterion, however, fails to quantify aneurysm rupture risk on 

a patient-specific basis. Several studies have reported aneurysm rupture below this 

threshold with one study reporting 24% of aneurysms rupturing below 5.0 cm 
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(Fillinger & Kennedy, 2002). These indications have been developed according to the 

point at which aneurysm rupture risk outweighs the risk of the intervention, be it open 

surgical repair (OSR), endovascular aortic repair (EVAR) or a hybrid approach. It has 

been well documented, however, that small aortic aneurysms can rupture and large 

aneurysms can remain stable. Fillinger et al., (2002) and Humphrey and Holzapfel, 

(2012) report a 24% rupture rate below 5.0 cm and a 57% non-rupture rate over 7.0 

cm respectively. 

Important factors other than the maximum diameter criterion influence the surgeon’s 

decision to intervene, such as aortic tortuosity, patient age, preoperative renal function, 

ability to withstand proximal aortic clamping, and involvement of visceral branches 

(Debakey & Morris, 1956; Orr & Bobadilla, 2014). In patients with aortic aneurysms 

greater than 5.5 cm, more than 50% of these aneurysms will rupture when surgery is 

deferred because of such operative risks (Fillinger et al., 2002). With an associated 

mortality rate following rupture of over 90%, this disease has so been termed the 

‘Silent Killer’ (Elefteriades 2015). 

 

(a)             (b) 

                        

Figure 2.4: 5.5cm Abdominal Aortic Aneurysm (a) axial CTA (b) 3D Reconstruction using 

3Mensio Software (3 Mensio Medical Imaging BV, Netherlands). 

 

2.1.4.2 Aortic Dissection 

An aortic dissection occurs when a tear develops in the aortic wall, allowing the entry 

of blood into a secondary channel within the wall known as the false lumen (Figure 

2.5). The intramural haemorrhage leads to propagation or further tearing of the aortic 

wall, generally away from the heart, in addition to significant aortic dilatation 

(Fernandez-Moure, 2011). A common complication exists whereby the true lumen 

becomes compressed by the false lumen, leading to ischaemic complications distally 

(malperfusion of renal, coeliac, mesenteric and iliac vessels). The International 
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Registry for Aortic Dissection (IRAD) have identified several risk factors for the 

development of acute aortic dissection which include; male sex, hypertension and 

previous medical history of Marfan Syndrome (Evangelista et al., 2016; Beaufort et 

al., 2017). 

Two main classifications exist to describe aortic dissection; the Debakey 

Classification and the Stanford Classification. In the Debakey Classification 

dissections originating in the ascending aorta consist of those which propagate to the 

arch (Type I) and those that are confined to the ascending aorta (Type II). Dissections 

that originate in the descending aorta, regardless of an antegrade or retrograde 

dissection path are known as Type III tears. The Stanford Classification denotes 

dissections that involve the ascending aorta as Type A, and the descending aorta as 

Type B, regardless of the point of origin. The immediate goal in the treatment of 

patients with an aortic dissection is to reduce blood pressure and lower the likelihood 

of further propagation and rupture. Emergency or elective interventions can be 

performed to alleviate complications using an OSR, EVAR, or hybrid approach, 

however, each with variable results. A 1-2% per hour mortality rate has been 

associated with acute unoperated Type A aortic dissection (Goldfinger et al., 2014). 

 

(a)                      (b) 

  

Figure 2.5: Type B Aortic Dissection with distal propagation (a) true and false lumen on axial 

CTA and (b) 3D reconstruction using 3Mensio software (3 Mensio Medical Imaging BV, 

Netherlands). 
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2.1.5 Aortic Repair 

There are two main treatment options for patients who present with aortic disease 

which warrants intervention; open surgical repair (OSR) and endovascular aortic 

repair (EVAR). A brief outline of each treatment method is given below, and a 

schematic is provided in Figure 2.6. 

2.1.5.1 Open Surgical Repair 

Open surgical repair (OSR) of the aorta is considered one of the most technically 

challenging and complex procedures performed by vascular surgeons (Rigberg et al., 

2006). OSR of the thoracoabdominal aorta involves opening both the chest and 

abdomen through a long incision beginning at midpoint between the spinal processes 

and the scapula, down to the umbilicus, and then to the pubis, if the infrarenal aorta 

requires repair. The upper abdominal aortic segment is exposed via a transperitoneal 

approach, which allows for direct visualization of the abdominal organs and a 

comprehensive evaluation of the efficacy of revascularization after completing the 

aortic repair (Gloviczki, 2002; Chiesa et al., 2012). 

The proximal end of the aortic graft is sutured to the descending thoracic aorta using 

a 2/0 monofilament polypropylene in a running fashion. The clamp is then removed 

and reapplied onto the distal thoracic aorta above the coeliac axis and the aneurysm is 

opened. Finally, an end-to-end anastomosis with the distal aorta is performed and the 

last clamp is then removed (Chiesa et al., 2012). Due to the clamping and excision of 

the diseased section of the aorta, distal reperfusion is required to offer protection from 

visceral, lower extremity and spinal cord ischaemia. Conventional OSR of the 

thoracoabdominal aorta has been the gold standard since its introduction in 1955 

(Kheirelseid et al., 2014). Various centres have published mortality rates as high as 

48.4% and postoperative spinal cord ischaemia rates up to 8.0% (Rigberg et al., 2006; 

Greenberg et al., 2008). Modern advances in surgical techniques for OSR including 

distal reperfusion and hypothermic circulatory arrest have helped reduce 

complications; however, issues relating to respiratory compromise, brain, spinal cord, 

cardiac and visceral ischaemia continue to pose significant concern (Riambau et al., 

2017). 

2.1.5.2 Endovascular Repair 

The introduction of endovascular aortic repair (EVAR) was fuelled by the need for a 

less invasive approach to treating aortic disease, which arrived in the early 1990s. The 

procedure remotely tracks a delivery system to the disease site and deploys a stent-

graft to relieve the diseased aortic wall and reduce the risk of rupture. Routine 

preoperative Computed Tomography Angiography (CTA) with contrast should be 

performed ensuring to include the aortic arch, chest, abdomen, and pelvis, to fully 

evaluate the size of the vessels in question along with the degree of aortic angulation, 

length of landing zones and viability of access vessels. Subsequent measurements of 

aortic diameter, access vessel diameter, and length of proximal/distal landing zones 

are essential to determine the feasibility of the procedure and to ensure the selection 

of appropriately sized aortic endografts (Singh and Makaroun, 2014). 
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Following definition of the entry side based on preoperative imaging, the ipsilateral 

Common Femoral Artery (CFA) is generally exposed by standard surgical cut down 

(Henry et al., 2015) and the stent-graft is introduced through a delivery sheath under 

fluoroscopic guidance. Strategies for accurate placement are device specific, but the 

majority of patients benefit from a temporary reduction in mean arterial pressure and 

short-term cessation of ventilation. Once the delivery system is in position, the outer 

sheath is retracted, and the self-expanding stent-graft is deployed into the aortic wall. 

Finally, completion imaging often in the form of Digital Subtraction Angiography 

(DSA), is used to confirm both accurate endograft placement as well as the absence of 

endoleaks (Singh and Makaroun, 2014). 

 

Figure 2.6: Open surgical (left) versus endovascular (right) repair techniques for abdominal 

aortic aneurysms (Figueroa and Zarins, 2011). Permission granted by Springer. 

 

 

2.1.6 Postoperative Complications 

Several postoperative complications remain following both OSR and EVAR. Stroke, 

paraplegia and myocardial infarction remain a concern following OSR, in addition to 

30-day mortality rates of up to 48% (Verhoeven et al., 2008). Intensive care unit (ICU) 

stay, and general recovery is extensive due to the invasive nature of the surgery. The 

introduction of endovascular aortic repair (EVAR) for the aorta in the early 1990s has 

had a positive impact on postoperative outcomes such as 30-day mortality (Roselli et 

al., 2007), however, rates of  spinal cord ischaemia, renal failure, and endoleak are 

still being reported as high as 23.5%, 45.1%, and 44% respectively in certain centres 

(Rigberg et al., 2006; Clough et al., 2012; Nayeemuddin and Asquith, 2012). 

Furthermore, up to 36% of patients require a reintervention after endovascular repair, 

with limb thrombosis (40%) and aneurysm enlargement (40%) necessitating 

immediate attention (Maleux, & Heye, 2009). 
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It has not been established whether EVAR or OSR is the superior treatment option for 

patients with aortic aneurysm or dissection. The endovascular versus open repair of 

abdominal aortic aneurysms (EVAR 1) trial concluded that EVAR has an early 

survival benefit but an inferior late survival compared to open repair (Patel et al., 

2016), resulting in a lack of consensus regarding the optimal treatment modality 

throughout the vascular and endovascular surgical community. Furthermore, a meta-

analysis of 42 non-randomised studies evaluating EVAR versus OSR for descending 

thoracic aortic disease reported no significant difference between intervention groups 

in relation to stroke, reintervention, and mortality beyond 12 months (Cheng et al., 

2010).  

Several recent studies have shown higher levels of cardiac death post thoracic 

compared to abdominal aortic stenting, independent of disease type (Martín et al., 

2008; Barakat et al., 2015; Bischoff et al., 2016; Atti et al., 2018). A study by 

Concannon et al., (2017) also found a dependence of stent position on cardiac deaths 

in a multicentre cohort of 151 patients treated for thoracoabdominal aortic aneurysms 

with a CoCr stent, where an increased risk of cardiac death was associated with 

proximal stenting. Recent clinical trials have been initiated to investigate the effects 

of thoracic-EVAR (TEVAR) on cardiac failure including the CORE trial (Nauta et al., 

2016), while van Bakel & Figueroa, (2017) show a 33% increase in left-ventricular 

mass at 12 months postop following proximal stenting of the aorta (Figure 2.7).  

 

Figure 2.7: Outline of left ventricular wall pre-TEVAR (thoracic endovascular aortic repair) (left) 

versus 1 year follow up (right) (van Bakel, Patel and Figueroa, 2017). Permission granted by 

Wolters Kluwer. 

 

It is believed that postoperative cardiac complications exist due to the lack of 

understanding of the spatially varying biomechanics of the aorta, and hence, 

uncertainty surrounds the regional effects of endovascular repair on the ventriculo-

aortic system as a whole. The following sections provide an outline of the work 
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conducted to date on the regional mechanics of the aorta from both an experimental 

and computational point of view. 

2.2 Background and Literature 

It has been shown that during embryogenesis the aorta is developed segmentally, each 

section of which are derived from different regions (Figure 2.8). Specifically, in 

relation to the thoracic aorta, it does not develop as one-unit or even in a single stage. 

The descending thoracic aorta is the first segment developed during embryogenesis, 

followed by the aortic arch, proximal ascending aorta and finally, the aortic root 

(Sherif, 2014). Additionally, each of these four segments are independently derived 

from different cell-line ages, be they neural crest or mesodermal in origin. Regional 

differences in biochemical, phenotypical, protease and cell signalling pathways have 

also been reported along the length of the aorta (Ruddy et al., 2008).  

  

Figure 2.8: Embryological development of the aorta (Schoenwolf et al., 2009). 

 

 

2.2.1 Histological analysis of Aortic Tissue 

Particular focus has been directed towards the effects of ageing on the microstructure 

of the aorta (Feldman and Glagov, 1971; Cattell and Hasleton, 1996; Fritze et al., 

2012). Hosoda et al. (1984) investigated the human thoracic aorta and found that 

elastin decreased with age, whereas collagen remained the same. Faber and Moller-

Hou (2009), also found that elastin decreased with age; however, they found that 

collagen increased. 
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Much less emphasis, however, has been placed on the spatial heterogeneity in the 

microarchitecture of the aorta in health and disease. Due to both the ethics and 

accessibility of human tissue, the number of animal studies exceeds that of human 

studies in the literature. Davidson et al., (1985) investigated the regional elastin 

content in the porcine aorta and found that elastic fibers were reduced in the abdominal 

compared to thoracic groups, while Saey et al., (2015) report, for an equine population, 

a greater concentration of collagen in the distal thoracic aorta compared with proximal; 

however, there were no significant regional differences in elastin content.  

(a) 

 

(b) 

 

(c) 

 

 

Figure 2.9: Normal histological features of the aortic wall (a) H&E staining of a rabbit aortic wall 

with cell nuclei stained dark purple (Xiao et al., 2015). (b) Verhoeff Van Gieson stained murine 

aortic wall with elastin stained black, and (c) Masson’s Trichrome stained murine aortic wall 

with collagen stained blue (Bersi et al., 2016). 

 

Others have focused on characterising the orientation of collagen fibers in the aorta in 

order to provide advance on the anisotropy of aortic tissue. O’Connell et al., (2008), 

Schriefl et al., (2012), Chow et al., (2014), and Sugita & Matsumoto, (2018) report 

that a single family of fibres was evident; however, others have reported two (Laksari 

et al., 2016), three (Schriefl et al., 2012) and even four (Rezakhaniha et al., 2012) 

families. The vast majority of published studies on the orientation of collagen fibers 

in the aorta are animal studies, due to ethical and logistical constraints. Although 

varying numbers of collagen fiber families have been cited, in general, FE models of 

the aorta to date assume a homogeneous (Roy et al., 2014) and symmetric distribution 

(Grytsan and Holzapfel, 2015) of fibres in the wall. 

(a) (b) (c) 
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Figure 2.10: Polarized light micrographs of Picrosirius Red stained tissue samples from (a) 

intimal, (b) medial, and (c) adventitial layers of the aorta (Schriefl et al., 2012).  

 

2.2.2 Experimental Testing of Aortic Tissue 

The vast majority of data that exists in the literature surrounding aortic properties is 

that of tensile tests performed on excised tissue. Of this data, naturally, all are either 

diseased or dead. Here we review the body of work performed to date on experimental 

testing of aortic tissue, with a particular focus on heterogeneity, outlining the key 

features learned. 

Charles Roy stated that ‘ut tensio sic vis’ (as the extension, so the force - Hooke’s 

Law) does not apply in animal tissues in 1880. It is now well established that the stress-

strain curve for the aorta is non-linear. Many others have described the microstructural 

basis for this stiffening as the progressive straightening and alignment of collagen 

fibers (Wolinsky and Glagov, 1964) 

Significant heterogeneity in terms of the shape of the stress-strain response of aortic 

tissue to tension has been shown experimentally between young and old aortae. Vande 

Geest & Vorp, (2004) investigated the age dependency of biaxial mechanical 

behaviour of the abdominal aorta and found that, specimens from the younger group 

exhibited far greater extensibility than older groups who exhibited an exponential 

shape response (p<0.001). The authors go on to model young tissue using a 

polynomial strain energy function and older groups using a Fung-type exponential 

strain energy function, highlighting significant age dependency in the mechanical 

response. 

Haskett et al., (2010) subjected samples of human aortic tissue following autopsy to 

biaxial mechanical testing and found that the abdominal aorta is statistically different 

from all other aortic regions both in terms of its microstructure and mechanical 

response. The authors also showed that the abdominal aorta was significantly stiffer 

than proximal regions. Weisbecker et al., (2012) conducted layer specific experiments 

on 14 thoracic and 9 abdominal aortic samples with non-atherosclerotic intimal 

thickening and report a statistically relevant difference between the thoracic and 

abdominal aorta for several parameter values of the constitutive law used to fit the data 

in the intima, media and adventitia.  

Pierce et al., (2015) was the first to publish on the varying collagen fiber angles and 

material constitutive law parameters between thoracic aortic aneurysm (TAA) and 

abdominal aortic aneurysm (AAA) tissues. The authors report a median collagen fiber 

angle for the TAA samples of ϒ = 44.81°, indicating a nearly isotropic behaviour. In 

contrast, a median value of ϒ = 41.91° for the AAA samples was found, thus 

abdominal aneurysmal tissues show a higher stiffness circumferentially (Figure 2.11). 

The authors also report a statistically significant difference in the parameter k1 which 

was larger in the abdominal aorta, indicating that the fibers contribute more to the 

mechanical response. 
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Figure 2.11: Stress strain plot for human circumferential TAA (thoracic) and AAA (abdominal) 

tissue samples subjected to uniaxial extension, adapted from (Pierce et al., 2015). The mechanical 

response of the tissue to loading is notably different between thoracic and abdominal groups. 

 

The pressure-area relationship of the aorta was first characterised by Roy in 1880, with 

an experimental setup that consisted of: “A portion of artery, so arranged that it could 

be distended by any desired internal pressure, was inclosed in a small vessel, 

containing olive oil, and the variations of whose contents were recorded by means of 

a lever, writing on the blackened surface of a cylinder”. The author showed that the 

aorta was most extensible at pressures nearing normotension and at higher pressures 

the extensibility was considerably impaired. The nonlinearity of this pressure-area 

relationship was subsequently attributed to an increasing number of collagen fibers 

being drawn taut (Clark and Glagov, 1985).  

Hallock & Benson (1937), investigated the effect of various age profiles on the 

pressure-volume response of aortic tissue and show that in younger groups, the curves 

are s-shaped exhibiting a high degree of extensibility even at high pressures (Figure 

2.12). In older groups this s-shape is lost, and the relationship becomes monotonic, 

where at high pressures the curve becomes almost a horizontal line. 
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Figure 2.12: Evolution of the aortic pressure-volume relationship with age (Hallock and Benson, 

1937). Younger subjects exhibit a more s-shaped curve whereas older subjects exhibit a 

monotonic relationship. 

 

Langewouters & Goedhard, (1984) investigated the regional variance in the human 

aortic pressure-diameter relationship by subjecting segments of thoracic and 

abdominal tissue to incrementally increasing pressures. Following the experimental 

protocol, the authors fit an arc-tangent model to the data and observe a similar s-shaped 

curve in the thoracic segment, however this is less evident distally (Figure 2.13). The 

authors also report that compliance values at 100 mmHg range from 1.9 to 16.6 

cm2/mmHg-1 in the thoracic aorta and from 0.6 to 4.4 cm2/mmHg-1 in the abdominal 

aorta. 

 

Figure 2.13: Thoracic versus abdominal pressure-area relation for a 30-year-old subject fitted 

with the arc-tangent model (R2=0.998, R2=0.999). Adapted from Langewouters & Goedhard, 

1984. 
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It should be noted at this point that significant work has been published that indicates 

that even when the aorta is at ‘zero pressure’, that it is not in the ‘zero stress’ state. 

Bergel stated “When an artery is split open longitudinally it will unroll itself to a 

varying degree to the form of a flat ribbon. This surely indicates some degree of stress 

even when there is no distending pressure” (Bergel, 1960). Some years later Chuong 

and Fung, (1983) and Vaishnav and Vossoughi, (1983) independently observed that 

slicing an artery along the radial dimension results in the springing open of the vessel 

(by what is now known as the opening angle), implying the existence of 

circumferential residual strains and therefore stresses. Recently, Sokolis et al., (2017) 

published the regional heterogeneity in circumferential residual strains (Figure 2.14) 

along the human aorta, providing further evidence of the significant heterogeneity that 

exists within the vessel wall. 

 

Figure 2.14: Regional variation in opening angle along the length of the human aorta for ‘young’, 

‘middle’ and ‘old’ age groups, in addition to variation in gender (Sokolis et al., 2017). Permission 

granted by Springer Nature. 

 

2.2.3 4D Flow MRI in the Aorta 

Magnetic resonance imaging (MRI) techniques provide non-invasive and non-ionising 

methods for the highly accurate anatomical depiction of the heart and vessels 

throughout the cardiac cycle (Markl et al., 2016). In the early 1500s, Leonardo 

DaVinci proposed that vortices existed in the proximal ascending aorta that would aid 

in the closure of the aortic valve, today with the use of 4D Flow MRI it is possible to 

quantify such vortices on a patient-specific basis (Figure 2.15).  
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Figure 2.15: (left) Sketches of aortic flow patterns in the proximal aorta by Leonardo DaVinci 

circa. 1512 (Gharib et al., 2002). (right) 4D Flow MRI of ascending aorta illustrating vorticity in 

the aortic root (Bissell and Choudhury, 2014). Permission granted by Springer Nature. 

 

The majority of 4D Flow MRI studies to date have focused on differences in 

haemodynamics between control groups and aneurysm (Hope et al., 2007), dissection 

(François et al., 2013), bicuspid aortic valve (BAV) (van Ooij et al., 2015),  and 

coarctation (Hope et al., 2010). 4D Flow MRI otherwise known as 3D CINE phase 

contrast (PC) MRI with 3-directional velocity encoding (Dyverfeldt et al., 2015) has 

several advantages over standard 2D PC MRI including the ability to characterise 

time-resolved flow in all 3 dimensions, in addition to equivalent accuracy in flow and 

velocity quantification (Feneis et al., 2018). A further advantage of 4D Flow MRI 

exists in the ability to retrospectively place planes of analysis at any location within 

the acquisition volume during post-processing (Dyverfeldt et al., 2015). 

 

Figure 2.16: Comparison of phase contrast MRI techniques (2D 1-dir, 2D 3-dir, 4D Flow) in the 

calculation of peak velocity and flow within the aorta (Markl et al., 2016). Permission granted by 

Elsevier. 
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The “4D flow cardiovascular magnetic resonance consensus statement” published by 

Dyverfeldt et al., (2015), outlines the acquisition and analysis methods required for a 

suitable scan. A summary of the main imaging parameters tailored to the human aorta 

include a spatial resolution of 2.0-2.5 mm, a temporal resolution of 40-50 ms, a 

velocity encoding coefficient (VENC) of 150-200 cm/s, and a total scan time of 10-20 

minutes (Markl et al., 2012). Figure 2.17 below shows the workflow of a typical 4D 

Flow MRI scan from acquisition to post-processing and data visualization. First, the 

volume of interest must be chosen to encompass all vessels for which quantification 

is required. ECG gating is required to synchronise scanning to particular phases within 

each cardiac cycle, while 3D velocity encoding is used to obtain velocity sensitive 

phase images along the three principle cartesian axes (antero-posterior, foot-head, and 

right-left). Data pre-processing consists of correction techniques for noise and velocity 

aliasing (if required) and the velocity magnitude can be calculated as the root of the 

squared sum of the individual components (𝑉𝑥, 𝑉𝑦, 𝑉𝑧). Time resolved flow rates can 

then be calculated as the integral of the velocity magnitude within the boundary of the 

fluid domain (Stankovic et al., 2014). 

 

 

Figure 2.16: Data acquisition and analysis for 4D flow MRI (Stankovic et al., 2014). 

 

 

Content Removed Due to Copyright 

 



Chapter 2 

26 
 

In a standard 4D Flow acquisition with a single VENC, in order to avoid velocity 

aliasing, the VENC must be set sufficiently high to capture the highest velocity in 

systole, a level that is not optimal for measuring low flow. VENC is defined as the 

velocity that gives a phase shift of π radians, and as phase is a cyclic entity, phase 

shifts greater than π radians result in velocity aliasing or wrapping, which if 

uncorrected will result in significant errors in the calculation of flow (Elkins et al., 

2003; Markl et al., 2012). Recently, issues regarding the use of a single VENC have 

been brought to light in that the fluid velocity within the aorta is temporally varying 

and hence, multi-VENC acquisitions have been proposed to accurately calculate the 

flow throughout the entire cardiac cycle. As the velocity to noise ratio (VNR) is 

linearly related to the VENC, the accuracy declines when the true fluid velocity 

becomes low in comparison to the VENC value assigned (Callaghan et al., 2016). The 

approach proposed by the authors, resulted in a 31% improvement in spatial and 53% 

improvement in temporal precision of velocity vector measurements (Figure 2.18) 

during the mid‐late diastolic period when fluid velocity was slow in comparison to a 

single (mono-) VENC acquisition. 

 

Figure 2.18: Comparison of mono- versus multi-VENC acquisition by Callaghan et al., (2015). 

The multi-VENC acquisition resulted in a 31% improvement in spatial and 53% improvement in 

temporal precision of velocity vector measurements compared to the mono-VENC scan. 
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The use of phase/velocity unwrapping techniques, however, must still be accounted 

for in each scan where the VENC parameter is set below any true velocity. Such 

techniques add significant time to the post-processing portion of the 4D Flow MRI 

workflow, in addition to the fact that they are prone to errors, rendering them 

unpractical for use in most real life applications (Pijewska and Szkulmowski, 2019). 

An alternative approach is described in the current thesis in Chapter 5, ensuring 

accurate quantification of flow at each phase of the cardiac cycle and at each plane of 

interest along the aorta. 

2.2.4 Computational Modelling of the Aorta 

The integration of computational models in recent years into the field of solid and fluid 

biomechanics has resulted in significant advance in terms of deepening understanding, 

generating new insights, and validating experimental investigations. The following 

section provides a general overview of the current state of the art in computational 

models of the human aorta, with a more focused literature review available in Chapter 

6. 

To date, the majority of models assume an idealised ‘candy cane’ geometry (Beller et 

al., 2004; Fan et al., 2010; Vasava et al., 2012; Ben Ahmed and Figueroa, 2016). This 

is mostly due to difficulties in; (i) obtaining patient-specific scan data, and (ii) 

generating a robust FE mesh of such a complex geometry. Plonek et al., (2017), 

investigated in an idealised aortic geometry the effect of diameter, blood pressure and 

longitudinal systolic stretching on the stress of the aortic wall, and found that 

stretching had the greatest effect on the stress distribution. Patient-specificity in terms 

of geometry, however, will evidently have a significant role in localised stress 

distribution and so should be taken into account when generating computational 

models of the aorta.  

 

     Beller et al., (2004)      Fan et al., (2010)      Vasava et al., (2012) 

          

Figure 2.19: Previously published geometrically idealised models of the aorta. Permission granted 

by Elsevier and Hindawi. 
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Others have published patient-specific models of the human aorta (in a geometrical 

sense) (Pasta et al., 2013; Martin and Elefteriades, 2015; Martufi et al., 2018; Emerel 

et al., 2019), although the majority tend to focus on an isolated segment of the aorta 

such as the ascending thoracic, or an aneurysmal portion. Doyle and McGloughlin, 

(2007) found that modelling the aorta as an idealised geometry resulted in marked 

differences in peak wall stress results compared to models with increased geometrical 

patient-specificity, highlighting the importance of taking into account the true 

geometry of each patient’s vessel. 

 

Martin et al., (2015)       Pasta et al., (2013)      Martufi et al., (2018) 

                       

Figure 2.20: Previously published patient-specific models of the aorta. Permission granted by 

Elsevier. 

 

Studies that incorporate heterogeneous material properties along the length of the aorta 

are few in the literature. The majority of studies assume the aorta to be homogeneous 

(Kato et al., 2000; Kim et al., 2009; Georgakarakos et al., 2010; Di Achille et al., 

2011). Martufi et al., (2015) showed that using homogeneous versus heterogeneous 

material properties lead to a significantly different (p<0.001) stress response (Figure 

2.21) in patient-specific abdominal aortic aneurysm models (Martufi et al., 2015).  
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Figure 2.21: Effect of homogeneous versus heterogeneous material properties on the stress 

distribution in the abdominal aortic aneurysm (Martufi et al., 2015). Permission granted by 

Springer Nature. 

 

Significant work has been published on the importance of incorporating the unloaded 

configuration into computational models of arteries (Speelman & Gijsen, 2011). Most 

FEA models of the aorta are generated from CT/MRI scans at a given cardiac phase, 

and hence do not correspond to the unloaded geometry. Several techniques have been 

developed to estimate an unloaded configuration (Bols and Vierendeels, 2013; Riveros 

et al., 2013), however this is truly never known. Not accounting for the unloaded 

configuration results in an overestimation the displacement of the AAA wall and an 

underestimation of peak wall stress by up to 20%. (Raut et al., 2013).  

 

 

Figure 2.21: Importance of incorporating the zero-pressure geometry (ZPG) on the stress in 

coronary plaque models. (A) Histological geometries, (B) Systole with ZPG (C) Systole without 

ZPG, (D) ZPG (Speelman & Gijsen, 2011). Permission granted by Journal of Biomechanics. 
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A limited number of studies have computationally simulated aortic stent graft 

deployment in the literature. The majority investigate bending and compression 

(Demanget et al., 2012a; Demanget et al., 2012b; De Bock, 2013). Demanget et al., 

compared eight marketed aortic stent-grafts using finite element analysis by 

simulating 180° bending and pressurization and show that spiral and circular stents 

provide greater flexibility, as well as lower stress values than Z-stents (Demanget et 

al., 2013). De Bock et al., details the virtual deployment of a bifurcated stent graft in 

an Abdominal Aortic Aneurysm model, using the finite element method. The finite 

element results are validated in vitro with placement of the device in a silicone mock 

aneurysm, confirming the capability of the finite element method to predict the 

deformed configuration following device deployment (De Bock et al., 2013). Perrin et 

al., developed a numerical methodology to predict stent-graft final deployed shapes 

after surgery in three clinical cases, however these studies neglect the effects of arterial 

pre-stress (Perrin et al. 2015). 

 

Figure 2.22: Finite element simulation results for three clinical AAA cases (Perrin et al., 2015). 

Permission granted by Elsevier. 
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CHAPTER 3 

 
THEORY 

 

3.1 Continuum Mechanics 

3.1.1 Deformation and motion 

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

presented here. Figure 3.1 shows an arbitrary body in space, Ω0, which undergoes 

kinematic deformation 𝜒 to become Ωc. An infinitesimal material “fiber” is described 

by dx in the reference configuration and by dy in the current configuration. 

 

 

Figure 3.1: Schematic of a body undergoing motion from the reference to current configuration. 
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The motion of Ω0 to Ωc is described by the deformation gradient, 𝐅, where 

𝐅 =
∂𝐲

∂𝐱
 (3.01) 

where the determinant of the deformation gradient is also known as the Jacobian (J), 

which denotes the ratio of volume change from the reference to the current 

configuration. 

3.1.2 Strain and strain rate measures 

The Green strain tensor depicts strain with respect to the reference (Lagrangian) 

configuration and is defined as 

 

𝐄 =
1

2
(𝐅𝐓𝐅 − 𝐈) (3.02) 

where 𝐅𝐓 is the transpose of 𝐅 and 𝐈 is the identity tensor. The Eulerian strain tensor 

depicts strain with respect to the current configuration and is defined as 

 

𝐞 =
1

2
(𝐈 − 𝐅−T𝐅−1) (3.03) 

The left and right Cauchy-Green deformation tensors 𝐁 and 𝐂 can be obtained from 

the deformation gradient and are defined according to  

 

𝐁 = 𝐅𝐅𝐓 (3.04) 

𝐂 = 𝐅𝐓𝐅 (3.05) 

Decomposition of 𝐅 into an orthogonal rotation tensor 𝐑, and symmetric left (spatial) 

and right (material) stretch tensors, 𝐕 and 𝐔, gives 

 

𝐅 = 𝐑𝐔 = 𝐕𝐑 (3.06) 

which allows stretching followed by rotation (𝐅 = 𝐕𝐑) or vice-versa (𝐅 = 𝐑𝐔) which 

may be related to the left and right Cauchy-Green tensors via 

𝐕𝟐 = 𝐁 (3.07) 

𝐔𝟐 = 𝐂 (3.08) 
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Defining strain-energy density functions using strain invariants is useful. The first 

three invariants of 𝐁 and 𝐂, are equivalent for both of the tensors and are defined as 

follows 

 

𝐼1 = 𝑡𝑟(𝐂) = 𝜆1
2 + 𝜆2

2 + 𝜆3
2
 (3.09) 

𝐼2 =
1

2
[𝐼1

2 − 𝑡𝑟(𝐂2)] = 𝜆1
2𝜆2

2 + 𝜆2
2𝜆3

2 + 𝜆1
2𝜆3

2
 (3.10) 

𝐼3 = 𝑑𝑒𝑡(𝐂) = [det(𝐅)]2 = 𝜆1
2𝜆2

2𝜆3
2
 (3.11) 

3.1.3 Stress measures 

Taking a slice through a body in the current configuration allows definition of a 

traction tensor 𝐭 and a normal vector to the surface of the slice, �̃�. At a point P, the 

Cauchy stress 𝛔 is a second order symmetric tensor denoting the force per unit surface 

area dS given by: 

𝐭 = 𝛔�̃� (3.12) 

 

Figure 3.2: Schematic of the traction vector 𝒕 on an internal surface of a body cut by a plane with 

normal �̃� in the current configuration. 

 

The Kirchhoff stress 𝛕 is defined as: 

𝛕 = J𝛔 (3.13) 

Such that for an incompressible material, the Kirchhoff stress equals the Cauchy stress. 

The First Piola-Kirchhoff stress 𝐏, is defined as the force per unit area in the 

undeformed configuration and is a non-symmetric tensor. Nanson’s formula may be 

used to map the Piola-Kirchhoff stress in the reference configuration to the Cauchy 

stress in the current configuration 
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𝐏 = J𝛔𝐅−𝐓 (3.14) 

The Second Piola-Kirchhoff stress 𝐒, is symmetric and can also be expressed in terms 

of the Cauchy or First Piola-Kirchhoff stress as: 

 

𝐒 = J𝐅−𝟏𝛔𝐅−𝐓                           ;                          𝐒 = 𝐏𝐅𝐓 (3.15a, 3.15b) 

3.1.4 Forms of Strain Energy Density Functions for Soft Tissue 

Hyperelasticity refers to a constitutive material response that is derivable from an 

elastic strain energy potential Ψ. It is particularly useful for describing materials that 

undergo large deformation and is hence often used in the realm of soft biological tissue 

behaviour. In the case of material isotropy, the strain energy during deformation is a 

function of the first three principal invariants (𝐼1, 𝐼2, 𝐼3) 

 

Ψ(𝐂) = Ψ(𝐼1, 𝐼2, 𝐼3) (3.16) 

Assuming incompressibility yields the deformation of the system to be purely 

isochoric and hence there is no volume change, ensuring that 𝐼3 ≡ J ≡ 1 and so the 

strain energy becomes a function of 𝐼1, 𝐼2 

 

Ψ(𝐂) = Ψ(𝐼1, 𝐼2) (3.17) 

An example of an incompressible isotropic strain energy function is the Ogden model 

where: 

 

Ψ = ∑
2𝜇𝑖

𝛼𝑖
2 (�̅�1

𝛼𝑖 + �̅�2
𝛼𝑖 + �̅�3

𝛼𝑖 − 3)
𝑖

𝑁

𝑖=1

 (3.18) 

For all incompressible hyperelastic materials 

𝝈 = −𝑝𝐈 + 2W1𝐁 − 2W2𝐁−1 (3.19) 

where W1 = (
∂Ψ

∂I1
), W2 = (

∂Ψ

∂I2
) and 𝑝 is the Lagrangian multiplier. However, p is 

unknown and can only be determined by imposing equilibrium and boundary 

conditions. Consider a cube made of isotropic hyperelastic material under uniaxial 

tension in the z direction, where the x and y faces are free to contract in response to 
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the load. The stress on such faces must be zero, hence it is trivial to solve for p the 

Lagrange multiplier. 

 

Undertaking a simple tension experiment of an incompressible isotropic hyperelastic 

material ensures, on the faces free of prescribed deformation, that the stretch (𝜆33 =

𝜆22 = 𝜆11

−
1

2)  and that the boundaries are stress-free, i.e. (𝜎33 = 𝜎22 = 0). Imposing 

equilibrium on these boundaries allows us to calculate the Lagrangian multiplier (p) 

through: 

𝜎33 = 𝜎22 = −𝑝𝐼 + 2𝑊1𝜆−1 − 2𝑊2𝜆 = 0 (3.20) 

𝑝 = 2𝑊1𝜆−1 − 2𝑊2𝜆 (3.21) 

Substituting p into equation 3.19 gives Cauchy stress along the direction of loading 

(𝜎11) 

𝜎11 = −(2𝑊1𝜆−1 − 2𝑊2𝜆)𝐼 + 2𝑊1𝜆2 − 2𝑊2𝜆−2 (3.22) 

Incompressible forms of isotropic strain energy density functions such as the Ogden 

model have been used extensively in the literature to model soft biological tissues 

including arteries (Ogden, 2003), skeletal muscle tissue (Bosboom et al., 2001), skin 

(Groves et al., (2012), and brain tissue (Garcia-Gonzalez et al., 2018). In truth, 

biological tissue is not fully incompressible (Nolan and McGarry, 2016; Wang and 

Liu, 2018) and so some form of compressibility is required in order to accurately 

model the material behaviour. When det(𝐅) ≠ 1, the deformation of the system causes 

a volumetric change and so the strain energy becomes a function of both the shear and 

the bulk modulus of the material. As materials behave quite differently in bulk and 

shear it is useful to split the deformation locally into an isochoric and volumetric part. 

Multiplicative decomposition of the deformation gradient (𝐅) comes in the form 

 

𝐅 = J
𝟏
𝟑�̅� (3.23) 

while a decoupled representation of the strain energy function (Ψ) and Cauchy stress 

(𝝈) is given by 

 

Ψ(𝐂) = Ψvol(J) + Ψiso(�̅�) (3.24) 

𝝈 = 2J−1𝐛
𝛿Ψ

δ𝐛
= 𝛔vol + 𝛔iso (3.25) 
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where 𝐛 = 𝐅𝐅𝐓. The compressible form of the Ogden strain energy function is 

therefore 

 

Ψ = ∑
2𝜇𝑖

𝛼𝑖
2 (�̅�1

𝛼𝑖 + �̅�2
𝛼𝑖 + �̅�3

𝛼𝑖 − 3)
𝑖

+ ∑
1

𝐷𝑖

(𝐽 − 1)2𝑖

𝑁

𝑖=1

𝑁

𝑖=1

 (3.26) 

The mechanical response of arterial tissue is also directionally variable (anisotropic) 

due to the presence of collagen fibers (Figure 3.3) and so must be modelled using an 

appropriate strain energy function that takes material anisotropy into account.  

 

 

Figure 3.3: Schematic of a typical artery with dispersed collagen fibers with mean fiber directions 

described by 𝑨(𝜶) and 𝑨(𝜷). When fiber symmetry is assumed the mean fiber vector acts at an 

angle of ±𝜶𝒇 to the circumferential direction (𝜽) of the vessel. 

 

The Holzapfel-Gasser-Ogden (HGO) model proposed in 2000 provides a means of 

modelling incompressible arterial tissue as an anisotropic hyperelastic material, 

whereby the strain energy is additively split into volumetric, isochoric isotropic and 

isochoric anisotropic terms 

 

Ψ(𝐂, 𝐚04, 𝐚06) = Ψvol(J) + Ψ̅iso(𝐂) + Ψ̅aniso(𝐂,̅ 𝐚04, 𝐚06) (3.27) 

where 𝐂 = J−
2

3𝐂 is the isochoric right Cauchy-Green deformation tensor. In numerical 

implementations of the model such as Abaqus, ADINA, etc, the volumetric and 

isochoric isotropic terms are represented by the Neo-Hookean hyperelastic free energy 

 

Ψvol(J) =
1

2
𝜅0(J − 1)2 (3.28) 

Ψiso(J) =
1

2
𝜇0(𝐼1̅ − 3) (3.29) 
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Where 𝜅0 and 𝜇0 are the bulk and shear moduli respectively. The isochoric anisotropic 

free-energy term is prescribed as 

 

Ψ̅aniso(𝐂,̅ 𝐚04, 𝐚06) =
𝑘1

2𝑘2
∑ {exp[𝑘2(𝐼�̅� − 1)2] − 1}

𝑖=4,6

 (3.30) 

Where 𝑘1 and 𝑘2 are positive material constants that may be determined from 

experiments. For the Cauchy stress we also have 

 

𝝈 = 𝛔vol + �̅�iso + �̅�aniso (3.31) 

For compressible anisotropic hyperelastic tissue, the inbuilt ABAQUS HGO model is 

often used, whereby the bulk modulus term is used to introduce slight compressibility 

into the model. The issue pertaining to this however exists in the form that the 

anisotropic energy described above is isochoric and so with slight compressibility the 

full representation of the anisotropic contributions to the stress tensor is lost. To 

overcome this, the Modified Anisotropic (MA) model can be used to model arterial 

tissue where the total strain energy is a function of the full right Cauchy-Green tensor 

𝐂, the anisotropic strain energy is a function of the full form of 𝐼4 and 𝐼6 invariants and 

the anisotropic stress component is a function of the total and not isochoric Cauchy 

stress 

 

Ψ(𝐂, 𝐚04, 𝐚06) = Ψvol(J) + Ψ̅iso(𝐂) + Ψ̅aniso(𝐂, 𝐚04, 𝐚06) (3.32) 

Ψ̅aniso(𝐂,̅ 𝐚04, 𝐚06) =
𝑘1

2𝑘2
∑ {exp[𝑘2(𝐼𝑖 − 1)2] − 1}

𝑖=4,6

 (3.33) 

𝝈 = 𝛔vol + �̅�iso + 𝝈aniso (3.34) 

Anisotropic formulations such as the HGO have been used in numerous soft tissue 

applications including arteries (Roy et al., 2014; Gajewski et al., 2013; Famaey et al., 

2012; Tasca et al., 2017), brain tissue (Madouh & Ramesh, 2019), intervertebral disks 

(Shahraki et al., 2015), cornea (Pandolfi & Holzapfel (2008), skin (Ní Annaidh et al., 

2012), ligaments and tendons (Shearer, 2015).  

 

Evidently it is trivial to calculate the stress along the direction of loading for a uniaxial 

tension experiment as described above in a single representative cube element. The 

geometries, loads and boundary conditions however used in the following work are 

far more complex and so we rely upon the Finite Element Method for calculation of 

the Cauchy stress going forward. For further detail on the principles of continuum 
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mechanics and hyperelasticity the reader is referred to Holzapfel, (2000), Ogden, 

(1997), Spencer (2004), Cowin (2013), and Eisenberg & Malvern (1973). 

3.2 Finite Element Method (FEM) 

The numerical solution of continuum mechanics problems in this work is achieved 

using the FEM, implemented through the commercially available ABAQUS FE 

platform (DS SIMULUA, USA). In the FEM, the body of interest is divided or 

discretized into volumes known as elements that are connected via points or nodes.  

 

 

Figure 3.4: The finite element method entails discretizing the body into a known number of 

elements, where each element is connected to its neighbours by nodes. 

 

The application of loads and boundary conditions to the system facilitates the 

calculation of stress and strain in each element. Energy going into the structure due to 

deformation is stored in the body in the form of strain energy, due to the principle of 

conservation of energy. The FEM is built upon the Principle of Virtual Work (PVW) 

which enforces such conservation through (presented in Voigt notation) 

∫ δ𝛆𝐓𝛔 dV
𝟎

V

= ∫ δ𝐮𝐓𝐭 dS
𝟎

S

 (3.35) 

Where V is the reference volume on which equilibrium is enforced, bounded by 

surface S; 𝛔 and 𝐭 are the stress and surface traction vectors respectively; and δ𝛆 and 

δ𝐮 are the virtual strain and virtual displacement vectors such that  

δ𝐮 = �̂�eδ𝐮e (3.36) 

δ𝛆 = �̂�eδ𝐮e (3.37) 
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where �̂�e is the global shape function matrix; 𝐮e is a vector of the displacement of 

each node that bounds the element; and �̂�e is the shape function gradient. Substituting 

these into our equation for PVW gives 

∑ ∫ δ𝐮e
𝐓�̂�e

𝐓𝛔(𝐮e) dV =
𝟎

Ve

∑ ∫ δ𝐮e
𝐓�̂�e

𝐓𝐭 dS
𝟎

See

 (3.38) 

The FEM requires constitutive equations to be calculated for each element which are 

subsequently assembled to form a system of algebraic equations that describe the 

behaviour of the body as a whole. Summing over each element in the mesh and 

removing arbitrary virtual quantities yields the global expression 

δ𝐮𝐓 (∫ �̂�𝐓𝛔(𝐮) dV −
𝟎

V

∫ �̂�𝐓𝐭 dS
𝟎

S

) = 0 (3.39) 

∫ �̂�𝐓𝛔(𝐮) dV −
𝟎

V

∫ �̂�𝐓𝐭 dS
𝟎

S

= 0 (3.40) 

The out of balance force vector 𝐆 can be calculated as the difference between 

internal and external forces acting on the system 

𝐆(𝐮) = ∫ 𝐁𝐓𝛔(𝐮) dV −
𝟎

V

∫ 𝐍𝐓𝐭 dS
𝟎

S

 (3.41) 

Following each increment of displacement, the nonlinear set of equations above must 

be solved for convergence to ensure an equilibrium stress state in the body, through 

the residual force vector such that 

𝐆(𝐮) = 0 (3.42) 

The solution of 𝐆 = 0 is usually obtained by incremental methods, whereby an 

increment in time from(t → t + Δt) is solved using either implicit or explicit methods. 

All simulations in this thesis use the implicit integration scheme. 
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3.2.1 Implicit Integration Scheme 

Once the problem being addressed involves non-linearities (material or geometrical), 

i.e. the stiffness matrix, 𝐊 and/or external loads, 𝐅ext are varying, an incremental 

approach is required to break the system into a series of linear problems in order to 

achieve a solution. In the following work, quasi-static problems are solved using the 

Abaqus/Standard Implicit solver. Boundary conditions i.e. force, displacement, 

pressure etc. are generally applied to the system through the use of a time step where 

(t ϵ {0, . . . ,1}). Consider a state where we have solved for time t and wish to solve for 

time t + Δt, we require that 

𝐆(𝐮t+Δt) = 0 (3.43) 

For static structural analysis a form of the Newton-Raphson iterative solution solves 

for the condition above (Figure 3.5). With each incremental step in time, the algorithm 

defines the nodal displacements as 

𝐮n+1
𝐭+Δt = 𝐮n

t+Δt − [
∂𝐆(𝐮n

t+Δt)

∂𝐮
]

−1

∙ 𝐆(𝐮)n
t+Δt (3.44) 

where t is the time at the beginning of the increment; Δt represents the value of the 

time increment in use; and n is the iteration count. The Newton-Raphson method uses 

𝐮n
t+Δt as the initial estimate of the nodal displacement and 𝐮n+1

𝐭+Δt is the improved 

estimate after iteration n. By reorganising and introducing the change in the estimate 

of nodal displacements δ𝐮𝐧+𝟏 in addition to the tangent stiffness matrix, 𝐊 we have 

δ𝐮𝐧+𝟏 = 𝐮n+1
𝐭+Δt − 𝐮n

𝐭+Δt = − [
∂𝐆(𝐮n

t+Δt)

∂𝐮
]

−1

𝐆(𝐮n
t+Δt) (3.45) 

∂𝐮𝐧+𝟏 = −𝐊(𝐮n
t+Δt)−𝟏 𝐆(𝐮n

t+Δt) (3.46) 

𝐊(𝐮n
t+Δt) ∂𝐮𝐧+𝟏 = − 𝐆(𝐮n

t+Δt) (3.47) 

Finally, 𝐊 may be expressed as 

𝐊(𝐮) =
∂𝐆(𝐮)

δ𝐮
=

∂

δ𝐮
(∫ 𝐁𝐓𝛔(𝐮) dV − 𝐅ext

𝟎

V

) (3.48) 

=
∂

∂𝐮
(∫ 𝐁𝐓𝛔(𝐮) dV

𝟎

V

) (3.49) 
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∫ 𝐁𝐓
∂𝛔(𝐮)

∂𝐮
 dV

𝟎

V

= ∫ 𝐁𝐓
∂𝛔(𝐮)

∂𝛆

∂𝛆

δ𝐮
  dV

𝟎

V

 (3.50) 

= ∫ 𝐁𝐓
∂𝛔(𝐮)

∂𝛆
𝐁  dV

𝟎

V

 (3.51) 

𝐊(𝐮) = ∫ 𝐁𝐓𝐃𝐁  dV
𝟎

V

 (3.52) 

where 𝐃 is the consistent tangent matrix, equal to the Jacobian of the constitutive 

law (
∂𝛔

∂𝛆
). 𝐊 must be solved for each iteration in the process in order to minimize the 

out of balance force vector 𝐆. 

 

Figure 3.5: Schematic of Newton Raphson integration scheme used by the finite element method. 

 

The implicit integration scheme is unconditionally stable due to this iterative process, 

whereby equilibrium is enforced upon each successive increment in load and hence is 

extremely robust and highly accurate in its calculations of field variables such as stress 

and strain. For further detail on the principles of the finite element method the reader 

is referred to Fagan (1992) and Bathe (2006). 

3.2.2 User defined material subroutines 

In addition to the in-built library of constitutive laws, Abaqus caters for the use of 

novel material formulations through user defined material subroutines (UMATs). At 

each iteration of each time increment, the UMAT is called and the material 

deformation is passed into the subroutine. The purpose of the UMAT is to calculate 

the stress and pass it out to the main program. In order to do this, the material Jacobian 

(∂Δ𝝈/ ∂Δ𝜺), defined as the change in stress at the end of a given increment caused by 

an infinitesimal perturbation of the strain, must be computed. A numerical 
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approximation of the material Jacobian can be attained through the perturbation 

method described by Miehe (1996). The aforementioned approach has been used 

previously in non-linear hyperelastic implementations (Sun et al., 2008, Nolan et al., 

2014), and is employed in subsequent chapters of this thesis. The method makes use 

of a linearised incremental form of the Jaumann rate of the Kirchhoff stress: 

Δ𝛕 − Δ𝐖𝛕 − 𝛕Δ𝐖𝐓 = ℂ𝝉𝑱: Δ𝐃 (3.59) 

where 𝛕 is the Kirchhoff stress, 𝐖 and 𝐃 are the spin and rate of deformation tensors, 

and ℂ𝝉𝑱 is the tangent modulus tensor for the Jaumann rate of the Kirchhoff stress. Δ𝐖 

and Δ𝐃 may be stated in terms of the deformation gradient F, such that 

Δ𝐖 =
1

2
(Δ𝐅𝐅−1 − (Δ𝐅𝐅−1)T) (3.60) 

Δ𝐃 =
1

2
(Δ𝐅𝐅−1 + (Δ𝐅𝐅−1)T) (3.61) 

Through a perturbation of the deformation gradient, the tangent moduli may be 

approximated by a forward difference scheme. The perturbation is performed on each 

degree of freedom in an analysis. In a 3D analysis, this requires a perturbation of F six 

times (once for each independent component of  Δ𝐃): 

Δ𝐅(ij) =
𝜖

2
(𝑒𝑖 ⊗ 𝑒𝑗𝐅 + 𝑒𝑗 ⊗ 𝑒𝑖𝐅) (3.62) 

where 𝜖 is a small perturbation parameter, and 𝑒𝑖 is the basis vector in the spatial 

description. The total perturbed deformation gradient is given by �̂�(𝑖𝑗) = Δ𝐅(𝒊𝒋) + 𝐅. 

The Kirchhoff stress is then calculated from this perturbed deformation gradient. 

Finally, the material Jacobian ℂ is approximated with: 

ℂ(ij) =
1

J
ℂ𝛕J(ij) =

1

J𝜖
[𝝉(�̂�(ij)) − 𝝉(𝐅)] (3.63) 

For each perturbation of equation 3.63 above, six independent components of ℂ will 

be attained in a 3D simulation, with six perturbations required to construct the 6x6 

tangent matrix. 
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3.3 Optimization Methods 

Optimization generally describes the modification of design variables in order to 

identify the optimum performance of a part. As the derivative (𝑓′) describes the slope 

of a 1D function (whether it increases or decreases in a given direction), in multiple 

directions or dimensions this is known as the gradient (Δ𝑓). This can be described by 

the problem outlined in Figure 3.6, below where the goal is; for a given value of x 

bound by the parabola y = x2 what is the minimum value of y? 

 

Figure 3.6: Example of optimization problems, whereby the goal is to find the local minimum.  

 

Optimization problems are commonly written in the form 

𝑚𝑖𝑛𝑖𝑚𝑖𝑠𝑒 𝑓(𝑥)
𝑥 1

 (3.64) 

where 𝑓 is the objective function. Decision variables are the inputs to the problem that 

the optimizer is allowed to change in order to improve the objective function value. In 

the above example, 𝑥 is the only decision variable. It is of course possible to have a 

problem with multiple decision variables such that 𝑥 = {𝑥1, 𝑥2, … , 𝑥𝑛}, which 

increases the difficulty in solving the optimization problem. The solution of the 

optimization problem is a set of values of the n-dimensional vector 𝑥 (where n is the 

number of design variables) which gives a minimum value of the objective function 

𝑓(𝑥) while satisfying a set of constraints 𝑔(𝑥) < 𝑔(𝑢) 

𝑔(𝑥) < 𝑔(𝑢)          ;           𝑥𝑙 ≥ 𝑥 ≤ 𝑥𝑢 (3.65) 

where 𝑥𝑙 and 𝑥𝑢 are the lower and upper bounds applied to the optimization indicating 

the constraints inside which values of 𝑥 can fluctuate. The optimization approach used 

in this work, involves determining the optimum material parameters for a given 

constitutive law that when applied to a continuum model, provide an accurate estimate 

of experimental data. In order to compute the optimal scalar or vector, 𝑥, it is necessary 

to minimize a function, 𝑓(𝑥), by systematically choosing input values from within an 

allowed boundary set (𝑥𝑖 = {𝑥𝑙, 𝑥𝑢}) and computing the value of the function. The two 
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optimization algorithms used in the following work are the Nelder-Mead and 

Levenberg-Marquardt algorithms.  

Nelder-Mead 

The Nelder-Mead Algorithm (NMA) uses the concept of a simplex or polytope, 

consisting of 𝑛 + 1 vertices in 𝑛 dimensions. The initial simplex is constructed by 

generating 𝑛 + 1 vertices about the given input guess point (𝑥0). During each iteration, 

a series of test points bound by the simplex vertices are evaluated with respect to the 

objective function and are ordered based on accuracy from lowest to highest. The 

worst point is then replaced by a new vertex defined by the rules of reflection, 

expansion, contraction and shrinkage. The simplest approach involves replacing the 

worst point with a point reflected through the centroid of the remaining 𝑛 points. The 

NMA subsequently generates a sequence of simplices which converges to a minimiser. 

Convergence is achieved when the working simplex is sufficiently small, or the 

function value is sufficiently close to another. 

Levenberg-Marquardt 

The Levenberg-Marquardt Algorithm (LMA) is a composite approach that uses both 

the Gauss-Newton algorithm when parameters are far from the optimal value and the 

method of gradient descent when parameters are close to the optimal value. The LMA 

is iterative and produces (once given an initial starting point) a series of vectors 

(𝑝1, 𝑝2, … , 𝑝𝑛) that converge towards a minimum 𝑝∗ that best satisfies the functional 

relation 𝑓. For a given iteration 𝑛, the goal is to find the next iterate 𝑥(𝑛 + 1), such 

that the function value is smaller than for iteration 𝑛. To choose 𝑥(𝑛 + 1) it is 

necessary to define a direction from 𝑥(𝑛) and a step size. The LMA computes a linear 

approximation to 𝑓 at 𝑥(𝑛) based on the Jacobian (𝐽 = ∂𝑓/ ∂𝑥) and a step size (𝛿). 

The algorithm evaluates the approximating function by taking a step in the prescribed 

direction and comparing the decrease in the linear approximation to 𝑓 with the actual 

decrease in the function 𝑓. 

        

Figure 3.7: (a) Nelder Mead: Visualize a small triangle on an elevation map flip-flopping its way 

down a valley to a local bottom at (0,0). (b) Levenberg-Marquardt: Gradient based approach to 

determine path to minimum. 

 

X X 
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To introduce the concept of optimization of parameters for material characterization, 

a simple example is outlined below. Consider a uniaxial tension experiment Figure 3.8 

(a) performed on a sample of excised arterial tissue with the nominal stress vs stretch 

response denoted by “– .EXP” as shown in Figure 3.8 (c). A FE model in the form of 

a unit cube can be created to simulate the experiment, whereby a vertical displacement 

(𝑢𝑧) of 0.5mm is applied to the top face while lateral faces are free to contract. By 

recording the reaction force (𝑅𝐹𝑧) due to 𝑢𝑧, the nominal stress can be calculated as 

the force per unit cross sectional area in the reference configuration. The material 

behaviour of the cube is governed by the incompressible Yeoh model where the strain 

energy density (Ψ) is a function of three parameters, which form the individual 

components of our decision variables 𝑥 = {C01, C02, C03}, The S33 component of the 

stress tensor is output for each strain point and the error function is calculated against 

the objective function 𝑓(𝑥), until the tolerance is met.  

 

 
 

Figure 3.8: Outline of experimental/computational optimization solution scheme. (a) Isolate tissue 

from arterial wall and subject tissue to uniaxial tensile test; (b) Schematic of boundary conditions 

applied to continuum model to replicate uniaxial tension experiment; (c) Stress-Strain 

relationship for experimental test; (d) Optimization scheme: make initial guess at material 

parameters, compare experimental vs computational stress strain curves and iterate through 

parameter variations until tolerance is achieved. 
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3.4 Magnetic Resonance Imaging 

Hydrogen (H1) is the most abundant element in the universe. The human body (in 

addition to oxygen and carbon) is made up of H1, which has an atomic number of 1 

and a nucleus that consists of a single proton. The rotating electrical charge causes a 

magnetic field or moment (�⃗�) about which the H1 proton eternally spins. Outside of 

an external magnetic field each �⃗� is randomly aligned and so their sum amounts to 

zero.  

An intrinsic property of H1 exists where it can only exist in two primary energy states. 

Once subject to a spatially uniform magnetic field �⃗⃗�0, this property ensures that the 

element is either in a low (𝛼) or high (𝛽) energy configuration. Suppose we apply a 

static and spatially uniform magnetic field �⃗⃗�0 along the z-direction such that 

�⃗⃗�0 = [
0
0

𝐵𝑧0

] = 𝐵𝑧0�⃗⃗�,   𝑤ℎ𝑒𝑟𝑒 �⃗⃗� = [
0
0
1

] (3.66) 

�⃗⃗�0 results in Zeeman splitting; a process whereby the longitudinal component (𝜇𝑧)  of 

𝜇 is quantized: 

𝜇𝑧 = 𝑚𝑧ℎ
𝛾

2𝜋
          ;           𝜇𝑧 = ±

1

2
ℎ

𝛾

2𝜋
 (3.67) 

where ℎ is Plank’s Constant (6.62607004 × 10-34 m2 kg / s) and 𝛾 is a particle specific 

constant known as the gyromagnetic ratio that incorporates size, mass and spin (43.58 

MHz/Tesla for H1). In the case of H1 where 𝑚𝑧 = ±1/2, we have the two allowed 

values of energy, 𝐸 for a free nucleus with an energy difference 𝛥𝐸 of: 

𝐸(𝑚) =
𝛾𝐵0ℎ𝑚

2𝜋
          ;           𝛥𝐸 =

𝛾𝐵0ℎ

2𝜋
 (3.68a, 3.68b) 

The number of protons that align parallel (low energy state) or anti-parallel (high 

energy state) to �⃗⃗�0 is governed by a Bolzmann distribution. There are always a larger 

number of protons aligned parallel to the primary magnetic field. For every 1,000,000 

nuclei in the high energy state there are 1,000,006 in the low energy state at �⃗⃗�0 = 1T. 

At this point, the net longitudinal magnetization is non-zero and the system is in 

thermodynamic equilibrium. At absolute zero, all nuclei would occupy the lower 

energy (parallel) state, however, thermal agitation greatly exceeds ∆𝐸. The 

equilibrium ratio of anti-parallel (N−) to parallel (N+) nuclei is governed by: 

N+

N−
= e 

∆𝐸
kT (3.69) 

where k is the Boltzmann constant (1.38 x 10−23 J/°𝐾) and T is temperature in 

degrees Kelvin. 
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The equilibrium spatial distribution of the magnetization is proportional to the local 

spin density per unit volume, 𝜌 of H1 where �⃗⃗⃗�0 denotes the equilibrium 

magnetization: 

�⃗⃗⃗�0 = [
0
0

𝑀𝑧

] = 𝑀𝑧 �⃗⃗�          ;            𝑀𝑧 = 𝜌(ℎ�̅�)2
1

4𝑘𝑇
𝐵𝑧0 (3.70a, 3.70b) 

In truth the magnetic moment vector (�⃗�) of each proton is not directly aligned with the 

k-axis in the presence of �⃗⃗�0 due to thermal agitation and so it must have a transverse 

component, �⃗�𝑥𝑦. This transverse component is subject to a torque 𝜏 acting 

perpendicular to both the field and the direction of angular momentum which causes 

the proton to precess at a rate of 𝜔0 about the direction of the applied field (axis of �⃗⃗�). 

𝜏  = �⃗�𝑥𝑦 𝗑 �⃗⃗�0          ;           𝜔0 = 𝛾𝐵𝑧0 (3.71a, 3.71b) 

This precession in the transverse plane however, is not yet observable because 

neighbouring spins have random phase about the precessional path and so the net 

magnetization (𝑀) remains along the z-axis as the net magnetization in the transverse 

plane (𝑀𝑥𝑦) is 0. 

 

Figure 3.9: (a) magnetic moment vectors (�⃗⃗⃗�) for hydrogen atoms outside a magnetic field are 

randomly oriented; (b) Zeeman splitting of energy levels into parallel and anti-parallel. 

 

In order to produce an image, it is necessary to record the net magnetization (𝑀) in the 

receiver coils of the scanner, and as signal is proportional to the length of 𝑀 it is 

desirable to minimise 𝑀𝑧 and maximise 𝑀𝑥𝑦. To send 𝑀𝑧 to zero, energy is transferred 

into the system in the form of a radiofrequency (RF) pulse �⃗⃗�1(𝑡). If the frequency or 

energy of �⃗⃗�1(𝑡) matches the Larmor precession (𝜔0), energy can be transferred to the 

lower energy state protons, which enables them to then occupy the high energy state. 

Noting that 𝛥𝐸 = ℎ𝐵0Γ = ℎ𝑓0, which is exactly the formula for the energy in the 

quanta of an electromagnetic field with frequency 𝑓0, where Γ = γ/2π, an RF field 

tuned to 𝑓0 will resonate with protons. If half the difference between parallel and anti-

parallel protons can be excited into the higher energy state, the net longitudinal 

+ 

+ 

+ 

𝜇 

𝜇 
𝜇 𝜇 

𝜇 
𝜇 
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magnetization will sum to zero.  For excitation an RF Field is applied perpendicular 

to �⃗⃗�0, usually as an amplitude modulated sinusoid: 

�⃗⃗�1(𝑡) = 𝐵1𝑎1(𝑡) [
+cos (𝜔0𝑡 + 𝜙1)
−sin (𝜔0𝑡 + 𝜙1)

0

] (3.72) 

where 𝑎1(𝑡) is the pulse envelope. If enough energy is transferred into the system, the 

spins will begin to precess in phase, as they synchronise with the RF pulse frequency 

and therefore each other. Ultimately, this results in a non-zero �⃗⃗⃗�𝑥𝑦 which can now be 

easily detected as signal in the receiver coils where its largest possible magnitude is: 

|�⃗⃗⃗�𝑥𝑦| = �⃗⃗⃗�𝑧 (3.73) 

Signal acquisition utilises Faraday’s Law, whereby a Magnetic Field can be detected 

as it induces a voltage (𝑉) across a conductor by: 

𝜉 = −
𝑑𝜙

𝑑𝑡
 (3.74) 

where 𝜙 is the phase of the net magnetization vector (𝑀) in the transverse (𝑥𝑦) plane.     

 

Figure 3.10: (a) Resonance forcing phase coherence of precession; (b) Flipping of net 

magnetization vector from longitudinal into transverse plane; (c) Recording rotating 

magnetization vector as voltage through receiver coil. 

 

Application of the RF pulse is limited to a short time period, long enough only to tip 

the net magnetization vector (𝑀) into the transverse plane. Once turned off, the system 

returns towards thermal equilibrium through relaxation. Longitudinal relaxation 

occurs as previously excited protons return to the lower energy state following 

removal of the RF energy, thus re-growing the longitudinal magnetization vector (�⃗⃗⃗�𝑧) 

as 
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�⃗⃗⃗�𝑧(𝑡) = �⃗⃗⃗�0 (1 − 𝑒
−

𝑡
𝑇1) + �⃗⃗⃗�𝑧(0)𝑒

−
𝑡

𝑇1 (3.75) 

where 𝑇1 is the spin-lattice time constant that governs the exchange of energy between 

protons and surrounding environment. Transverse relaxation occurs due to the 

repulsion of positively charged protons that were forced to precess in phase coherence 

with the energy provided by the RF pulse. Net Transverse magnetization therefore 

tends towards zero as the spins disperse about the z-axis in the 𝑥𝑦 plane  

�⃗⃗⃗�𝑥𝑦(𝑡) = |�⃗⃗⃗�0| 𝑒
−

𝑡
𝑇2 (3.76) 

where 𝑇2 is the spin-spin time constant that describes the loss of phase coherence due 

to interactions between spins. The RF signal measured thus reduces in intensity with 

time following the removal of the RF pulse (known as a free induction decay (FID)) 

and consists of the superposition of the individual signals from all excited spins. 

Figure 3.11: (a) Longitudinal relaxation due to removal of RF pulse; (b) Transverse relaxation 

due to positively charged protons repelling against phase coherence of precession once RF energy 

is removed; (c) Free Induction Decay due to rotating and relaxing net magnetization vector in the 

transverse plane. 

 

As the energy applied from �⃗⃗�1 excites all spins precessing at that specific frequency, 

at this point the signal in the free induction decay is a composite of the total number 

of H1 protons in the body and so provides no spatial information regarding the 

specimen being scanned. To overcome this, excitation of a certain slice of the 

specimen (e.g. axial) is achieved by applying a gradient magnetic field (�⃗�𝑧) along the 

foot-head direction of the patient. 

�⃗⃗� (𝑟) = �⃗⃗�(𝑥, 𝑦, 𝑧) = [

0
0

�⃗⃗�𝑧 + 𝑧�⃗�𝑧

] = (�⃗⃗�𝑧 + 𝑧�⃗�𝑧) �⃗⃗� (3.77) 

In order to excite a single plane, selective excitation techniques are used where the 

Larmor (precessional) frequency is now spatially variant along the z-axis. Thus, to 

excite just the spins in slice 𝑧𝑖, in principle an RF signal whose spectrum is 

concentrated at 𝑓𝑖 is applied. Application of an RF Pulse in the presence of a slice 
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selective gradient magnetic field (�⃗�𝑧) ensures upon sampling that signal is now 

confined to protons within the slice 𝑓𝑖. 

𝑓0(𝑟) = 𝑓0(𝑥, 𝑦, 𝑧) = �̅�(�⃗⃗�𝑧 + 𝑧�⃗�𝑧)      ;     𝑓𝑖 = �̅�(�⃗⃗�𝑧 + 𝑧𝑖�⃗�𝑧) (3.78a, 3.78b) 

The next step involves, in-plane signal localisation along the frequency direction 

(horizontal direction in Figure 3.12 below). Applying a gradient magnetic field from 

left to right (�⃗�𝑥) results in spins on the left-hand side precessing slower than spins on 

the right hand side of the image. By turning on this frequency encoding gradient �⃗�𝑥 at 

the sampling time, protons precess at a range of frequencies along the 𝑥 dimension of 

the image. The FID is a summation of a series of component signals, each of which 

has a different frequency corresponding to a discrete column in the image matrix. 

                        

Figure 3.12: (a) Slice selection gradient results in each proton precessing with same frequency 

and phase; (b) Left-Right gradient results in spins on left-hand side to precess slower than those 

on the right-hand side, hence frequency can be encoded along first in-plane dimension. 

 

Signal is localised by utilizing the Fourier Transform, which is based on the principle 

that any shape can replicated by the summation of smaller sine and cosine curves with 

specific amplitudes and frequencies (Figure 3.13(a)). In MRI the inverse Fourier 

Transform is used where individual components are determined from the summation. 

Each component frequency has a specific amplitude that combine together to give the 

net summation result. Since each frequency is related to the location along 𝑥, it is then 

trivial to map the frequency to the position according to the frequency encoding 

gradient (�⃗�𝑥). A schematic is shown in Figure 3.13(b) representing an axial slice at the 

knees of a human subject. This image is somewhat representative of the local anatomy 

with maximal signal intensity visible at two peaks (each knee), however, there is no 

information regarding the individual components that make up each column in the 

matrix. The image merely shows that there is signal intensity at the two peaks 

corresponding to the location of the left and right knee but cannot distinguish between 

what is bone, muscle or cartilage. 
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Figure 3.13: (a) Example of summation of individual frequency and amplitude data (red and 

green) results in blue curve; (b) Resultant image of axial slice through human knees, peaks in 

signal amplitude can be seen at each knee but no information exists regarding the individual 

components making up signal peaks. 

 

The final step in signal localisation involves a third gradient magnetic field along the 

𝑦 dimension of the image, in order to detect the individual components of each column 

in Figure 3.13(b). This gradient is known as the phase encoding gradient (�⃗�𝑦) which 

is performed between the slice select gradient (�⃗�𝑧) and the frequency encoding 

gradient (�⃗�𝑥) in the pulse sequence. By applying an RF pulse in the presence of �⃗�𝑧 all 

spins in the slice of interest are excited. Once the RF pulse ends, all spins within the 

slice precess at the Larmor frequency corresponding to �⃗⃗�0. By turning on �⃗�𝑦 at this 

point a phase shift is induced along the 𝑦 dimension. Once this is turned off, all the 

protons once again precess at the Larmor frequency but there exists a phase shift that 

is irrecoverable along each column. Finally, sampling of the signal in the presence of 

�⃗�𝑥 encodes spatial information along the x-dimension. Signal is now generated from 

each pixel, and a Fourier Transform in multiple directions is employed to obtain final 

image (Figure 3.14). For further detail on the principles of nuclear magnetic resonance 

and spin theory, the reader is referred to McRobbie et al., (2006), Ansorge & Graves 

(2016), and Levitt (2008). 

 

 

Figure 3.14: Final image following phase encoding gradient allows visualization of individual 

components of the knee, including bone, muscle and arteries. 

 

Content Removed Due to Copyright 
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CHAPTER 4 

 
QUANTIFICATION OF THE REGIONAL 

BIOARCHITECTURE IN THE HUMAN AORTA

 

Abstract 

Spatial variance in human aortic bioarchitecture responsible for the elasticity of the 

vessel is poorly understood. The current study quantifies the elements responsible for 

aortic compliance, namely elastin, collagen and smooth muscle cells, using 

histological and stereological techniques on human tissue with a focus on regional 

heterogeneity. Using donated cadaveric tissue, a series of samples were excised 

between the proximal ascending aorta and the distal abdominal aorta, for five 

cadavers, each of which underwent various staining procedures to enhance specific 

constituents of the wall. Using polarized light microscopy techniques, the orientation 

of collagen fibers were studied for each location and each tunical layer of the aorta. 

Significant transmural and longitudinal heterogeneity in collagen fiber orientations is 

uncovered throughout the vessel. It is shown that a von-Mises mixture model is 

required to accurately fit the complex collagen fiber distributions that exist along the 

aorta. Additionally, collagen and smooth muscle cell density is observed to increase 

with increasing distance from the heart while elastin density decreases. Evidence 

clearly demonstrates that the aorta is a highly heterogeneous vessel which cannot be 

simplistically represented by a single compliance value. The quantification and fitting 

of the spatial aortic bioarchitectural data, although not without its limitations, 

including mean cohort age of 77.6 years, facilitates the development of next-

generation finite element models that can potentially simulate the influence of regional 

aortic composition and microstructure on vessel biomechanics. 
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4.1 Introduction 

Heterogeneity in regional mechanical properties along the aorta is a widely accepted 

phenomenon.  The degree of heterogeneity, however, remains poorly characterised, 

and the underlying cause remains poorly understood, particularly in humans. In 

general, a high level of elastic compliance is required in the proximal aorta, so that the 

kinetic energy expelled during systole can be stored as elastic strain energy in the 

vessel wall, leading to subsequent augmentation of pressure pulse propagation during 

diastole due to elastic recoil of the wall. The distal aorta, however, takes an alternative 

approach to blood transfer with a higher smooth muscle cell (SMC) content and a 

reduced requirement for elastin. In the absence of a robust study investigating the 

spatial variance of bioarchitecture of the human aorta using stereological techniques, 

this study focuses on quantifying the variation in orientations and densities of the main 

load bearing constituents along the entire vessel length, in an attempt to understand 

regional heterogeneity observed both in-vitro and in-vivo.  

Significant literature on characterisation of the constituents of arteries to better 

understand their form and function exists, particularly with reference to the effects of 

ageing on the microstructural components of the aortic wall (Feldman & Glagov, 

1971; Tomaszewski et al., 1976; Cattell & Hasleton, 1996; Fritze et al., 2012; 

Taghizadeh & Tafazzoli-Shadpour, 2017). Hosoda et al., (1984) investigated the 

human thoracic aorta and found that elastin decreased with age, while collagen 

remained the same. Faber et al. also found that elastin decreases with age however 

collagen increases (Faber & Moller-Hou, 2009). Others have focused on pathological 

states such as hypertension (Berry and Greenwald, 1976), Marfan Syndrome (Halme 

et al., 1985) dissection (Yamada et al., 2015) and aneurysmal tissue (Baxter et al., 

1992; Choudhury & Leask, 2009) and found significant differences compared to 

control groups. For further detail regarding elastin and collagen microstructure in the 

human aorta in both ageing and disease, the reader is directed to the comprehensive 

review paper by Tsamis and colleagues (Tsamis & Vorp, 2013). 

Much less emphasis, however, has been placed on the spatial heterogeneity in the 

biomechanics of the aorta in either health or disease. Due to both the ethics and 

accessibility of human tissue, animal studies surpass human studies. Harkness et al. 

investigated the regional elastin and collagen proportions in dogs and found that in the 

intrathoracic aorta there was approximately twice as much elastin as collagen in the 

wall; in all other vessels this relationship was reversed (Harkness & McDonald, 1957). 

Saey et al. report for an equine population, a greater concentration of collagen in the 

distal thoracic aorta compared to proximal, however there were no significant regional 

differences in elastin content (Saey et al., 2015). Results by Davidson et al. show that 

elastic fibers were reduced in the abdominal compared to thoracic aorta in a porcine 

group (Davidson et al., 1985), while Shadwick reported higher compliance proximally 

than distally in whales (Shadwick, 1999). Despite the wealth of knowledge for animal 

populations, the spatial variance in biomechanics of the human aorta in terms of 

bioarchitecture remains relatively unknown.  
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This work quantifies the orientations of collagen fibers, in addition to the regional 

density of elastin, collagen and SMCs along the length of the human aorta. 

Stereological and polarised light microscopy (PLM) techniques provide evidence that 

a von-Mises mixture model is required to fit the complex axially and transmurally 

varying fiber distributions of the vessel. Previous finite element models of the aorta 

assume a homogeneous (Roy et al., 2014) and symmetric (Grytsan and Holzapfel, 

2015) orientation of collagen fibers, which cannot capture the true anisotropy of the 

vessel. The population densities of elastin, collagen and SMCs along the length of the 

human aorta are quantified using high spatial resolution, intended to further advance 

the understanding of regional aortic biomechanics. Results are presented for eight sites 

from the proximal ascending aorta to immediately proximal to the common iliac 

bifurcation for five cadavers. Histological and stereological techniques reveal 

significant spatial variations in constituent densities along the aorta, while 

morphological analyses show marked variation in wall layer thicknesses between 

intimal, medial and adventitial layers with increasing distance from the heart. Results 

presented on the spatial heterogeneity of the aorta may aid in the understanding of the 

underlying causes for the differences in mortality following proximal compared to 

distal aortic stenting (Martín et al., 2008; Bischoff et al., 2016; Beach et al., 2017; 

Concannon et al., 2017; Conrad et al., 2017). Additionally, the quantification and 

fitting of regional aortic microstructural data facilitates the development of next-

generation finite element models that can potentially simulate the influence of regional 

aortic composition and microstructure on vessel biomechanics. 

4.2 Methodology 

In this chapter, the regional aortic microstructure responsible for vessel compliance is 

quantified using histological and stereological techniques. Localized anterior tissue 

fractions of elastin, collagen and SMCs are quantified by taking samples at eight sites 

along the aorta. The dissection procedure is outlined in Section 4.2.1 and illustrated in 

Figure 4.1(a). Additionally, circumferential distribution of collagen and elastin in the 

ascending thoracic aorta is quantified, results of which can be found in the 

supplementary material section. Regional wall layer thicknesses are presented for each 

cadaver, while SMC content and layer specific collagen fiber orientations (intima, 

media and adventitia) are also investigated in a single cadaver for each of the eight 

sample sites. As endothelial cells and SMCs are considered the two major cellular 

components within the vessel wall which play a role in stiffness (Qi et al., 2011; 

Kaeberlein & Martin, 2016; Lacolley et al., 2017) and endothelial cells contribute 

more in a mechanotransducive nature and negligibly to the actual stiffness of the wall 

themselves (Williams & Wick, 2005; Karšaj & Humphrey, 2012; Gültekin & 

Holzapfel, 2016) our cellular focus herein concentrates on SMCs. 

4.2.1 Tissue Harvesting 

Aortic samples were harvested from 5 adult human cadavers (age range 67 – 92 years, 

mean 77.6 years) with no reported history of aortic disease. Table 4.1 outlines the 

details of the donors. All cadaveric material used was bequeathed to Anatomy, School 

of Medicine, National University of Ireland Galway in accordance with legislation 
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governing the practice of Anatomy in the Republic of Ireland (Medical Practitioners 

Act 2007). Three of the 5 cadavers were female. Cadavers were embalmed using a 

standard mixture containing formalin, glycerine, phenol, and methanol (12 L water + 

2.4 L of a 37–41% formalin solution + 2 L phenol + 6 L glycerine + 6 L methanol). 

Table 4.1: Details of donor cohort. 

Donor  Gender Age at Death Reported Cause of Death 

1 Female 83 years Carcinoma of urinary bladder 

2 Male 67 years Carcinoma of sigmoid colon metastatic to liver & 

lung 

3 Male 76 years Squamous cell carcinoma of parietal scalp with 

intracranial extension 

4 Female 70 years Heart failure secondary to valvular heart disease 

5 Female 92 years Cerebrovascular accident; ischaemic heart disease 

Approximately 1 cm2 area of the aorta was excised at each of the following levels: (i) 

ascending thoracic aorta (distal to sinus of Valsalva); (ii) ascending thoracic aorta 

(proximal to great vessels); (iii) thoracic aorta (distal to great vessels); (iv) thoracic 

aorta (start of descending); (v) thoracic aorta (mid); (vi) abdominal aorta (proximal to 

coeliac trunk); (vii) abdominal aorta (distal to superior mesenteric artery), and (viii) 

abdominal aorta (proximal to common iliac bifurcation). Anterior sample excision 

sites are illustrated in Figure 4.1(a). Due to anatomical variance between cadavers, 

including length, curvature and tortuosity, histological results are presented as a 

function of 8 anatomical sites rather than as a function of physical distance from the 

aortic root. Following dissection, specimens are dehydrated though a graded series of 

ethanol (50% - 100%), before being embedded in paraffin wax and sectioned at a 

thickness of 5 μm in order to maximize collagen to tissue contrast and limit tissue 

scattering (Yang et al., 2018). For area fraction (AF) analyses, sectioning is performed 

in the r-c (radial-circumferential) plane to enable investigation through the thickness 

of the aortic wall, while for fiber orientation (FO) analyses sectioning is performed in 

the a-c (axial-circumferential) plane on a separate sample obtained from the same site 

(Figure 4.1(b,c)). 
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Figure 4.1: (a) Excision sites along the aorta (black squares), where the diaphragm is indicated 

by the dashed black line. (b) Sample orientations for Area fraction (AF) in the r-c (radial-

circumferential) plane. (c) Sample orientations for fiber orientation (FO) in the a-c (axial-

circumferential) plane. (d) Sections post-staining for AF with Verhoeff’s Method. (e) Sections 

post-staining for FO with Picrosirius Red. 

 

4.2.2 Staining Procedures 

In each case, the pre-staining procedure involved wax removal from each sample using 

xylene and sample rehydration through a series of ethanol solutions of decreasing 

concentrations (100% - 50%). Separate staining procedures are performed on separate 

slides for quantification of each tissue constituent. For AF analyses, elastin is stained 

dark blue / black using Verhoeff’s method (Zugun and Lacramioara Carmen, 2013); 

collagen is stained green / blue using Masson’s Trichrome (Vorkapic et al., 2016) and 

nuclei are stained dark blue using Haematoxylin & Eosin (Lo Vasco et al., 2011) 

protocols. For FO analyses, slides are stained using PicroSirius Red in order to 

attenuate the birefringence of collagen fibers (Junqueira & Brentani, 1979) which 

subsequently appear red on a black background. Completion of each staining protocol 

involves dehydration through alcohols of increasing concentrations followed by 

xylene clearing and slide mounting with D.P.X. 

4.2.3 Postprocessing 

4.2.3.1 Stereological Analysis 

Sections were obtained from the tissue blocks of eight regions from the proximal 

ascending to distal abdominal aorta (as outlined in Section 4.3.1). All AF slides were 

examined using a Leica DM500 light microscope, with an ICC50 HD camera 

attachment (Leica Microsystems Limited, Switzerland) and a 40x objective lens. 

Systematic random sampling procedures were employed and simple point counting 

methods (using a 12x12 grid generated by MATLAB (R2017b, MathWorks Inc., 

Natick, MA, USA) were used to estimate the local area fraction of collagen, elastin 

(a)  (b) 

(c)  

 

 

(d) 

(e) 
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and SMCs (Elias & Schwartz, 1971; Mayhew, 1991; Wreford, 1995; Evanko et al., 

2018). Given that there are no cells present in the media apart from SMCs (Rhodin, 

1980) , random sampling during SMC quantification is confined to this layer as 

Haemotoxylin & Eosin staining provides no specific distinction between cell types. 

The approach involves calculation of the area fraction (𝑉𝑣) of each tissue component 

by expressing the proportion of points hitting a tissue component (𝑃𝑐) as a fraction of 

the total number of points hitting any tissue (𝑃𝑇) 

𝑉𝑣 =
∑ 𝑃𝑐

∑ 𝑃𝑇
 

(4.01) 

The 𝑉𝑣 was calculated for each image in each triplet and the average was recorded for 

each location. For elastin and collagen, the average 𝑉𝑣 for each location across the 5 

cadavers is shown in Figure 4.3 and Figure 4.4 respectively, while SMC content is 

shown in Figure 4.8.  

4.2.3.2 Wall Layer Thickness 

The individual thickness values for each layer of the aortic wall (intima, media, 

adventitia) are measured at each site for all five cadavers using ImageJ following 

calibration with the scale bar. The average thickness values are presented in Figure 

4.5. The intima/media (IM) border is defined along the Internal Elastic Lamina while 

the media/adventitia (MA) border is defined by the External Elastic Lamella. 

4.2.3.3 Polarized Light Microscopy 

PLM techniques were employed at each location and wall layer for a single donor to 

investigate both axial and radial heterogeneity in collagen fiber orientations. Each FO 

slide was reviewed using a Nikon Eclipse E200 transmitted polarised light microscope 

with an epifluorescence attachment. Images were captured through a Nikon DS-Fi1, 

6-megapixel camera equipped with NIS Elements software. The circumferential 

direction of each tissue sample was oriented along the long axis of the slide to ensure 

consistency in determining fiber orientations relative to a universal horizontal plane. 

Each slide was then placed on the rotating stage with the long axis parallel with the 

polarizer (East/West) and the centre of the sample at the crosshairs of the polarizer 

and analyzer (filters).  

A detailed review of the principles surrounding PLM are outside the scope of this work 

but can be found in the literature, for example Török et al. (1998), Murphy (2002), 

Chayen (1983), and Carlton (2011). In brief, a birefringent material, such as collagen, 

changes the polarization state of light, which results in a degree of altered light 

intensity that depends on the angle between the sample and the filters. Maximum 

intensity is achieved when fibers are aligned at ±45°. 

For each wall layer at each site, such that the full spectrum of fiber orientations is 

mapped, rotation of the stage and acquisition of 0° and 45° images resulted in the 

inputs of the composite image (Figure 4.2(a)) (Gaul & Lally, 2017) which was formed 
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using ImageJ. This image was then analysed using the OrientationJ plugin. Knowledge 

of the mean fiber thickness (𝜎 = 24 𝜇𝑚) is required for accurate quantification of fiber 

orientation, which was obtained from the images via the scale bar. The angle (𝜑) is 

defined relative to the horizontal (0°) according to: 

𝜑 =
1

2
arctan (2 

〈𝑓𝑥, 𝑓𝑦〉𝑤

〈𝑓𝑦, 𝑓𝑦〉𝑤 − 〈𝑓𝑥 , 𝑓𝑥〉𝑤
) 

(4.02) 

where 𝑓𝑥 and 𝑓𝑦 are the spatial partial derivatives of the image function 𝑓(𝑥, 𝑦) along 

the 𝑥 and 𝑦 directions respectively, angled brackets indicate the inner product, and 

𝑤(𝑥, 𝑦) is the Gaussian weighting function that specifies the area of interest. Further 

detail on the theory surrounding OrientationJ can be found in (Rezakhaniha et al., 

2012; Püspöki et al., 2016). Figure 4.2(b) shows the result of the input composite 

image Figure 4.2(a), where horizontal and vertical directions indicate circumferential 

and axial sample axes respectively. The corresponding probability density histogram 

is shown in Figure 4.2(c), where MATLAB (R2017b, MathWorks Inc., Natick, MA, 

USA) based von-Mises mixture models are fit to the individual datasets to estimate 

the number of fiber families present based on the log-likelihood function (Hung and 

Yang, 2012; Schymura, 2019). The wavelengths of the individual collagen fibrils 

observed in (Krasny et al., 2018), which are in the range of 2-3 times the fibril 

thickness, 60nm (Hansen et al., 2009), are not observed at the magnification used in 

this study, where the pixel resolution is 500 nm. Therefore, the individual fibril 

undulations do not affect the von-Mises distributions measured. 

 

Figure 4.2: (a) Raw composite image used as input into Orientation J plugin. (b) Result following 

input image where 0° indicates the circumferential axis of the sample and ±π/2 indicate the axial 

axis. (c) Corresponding probability density histogram with fitted von Mises mixture model to raw 

data in red. 

 

 

(a) (b) (c) 
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4.2.3.4 Statistical Analysis 

Statistical analysis of this research was performed in MATLAB (R2017b, MathWorks 

Inc., Natick, MA, USA). After collecting the data, it was entered into a workspace for 

organisation. Data was analysed and tested using a student’s t-test for continuous 

variables. Statistical significance was accepted with a p-value of less than 0.05. 

4.3 Results 

We employ histological and stereological techniques to investigate the orientations 

and densities of aortic wall constituents which contribute to the compliance of the 

vessel. Stereological analyses allow for quantification of the spatially varying area 

fractions of elastin, collagen and SMCs within the aortic wall at each location outlined 

in Section 4.3.1, while PLM techniques allow for the quantification of fiber orientation 

distributions.  

4.3.1 Elastin 

Figure 4.3 shows the spatial change in elastin content from proximal to distal aorta. A 

downward trend for elastin content is observed with increasing distance from the heart, 

however statistical significance is not observed when splitting the aorta based on 

thoracic and abdominal subgroups (p=0.07).For example, in the ascending aorta 

elastin contributes 27 ±  4.7% of the area, while in the distal abdominal aorta 

(immediately proximal to the common iliac bifurcation) the area made up of elastin 

drops to 17 ±  3.9 %. Additionally, significant circumferential heterogeneity in elastin 

content is observed in the ascending thoracic aorta, with the highest area fraction 

observed on the lateral segment of the wall (see Supplementary Material (Figure 

S1(a))). 
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Figure 4.3: Elastin as a function of location along the aorta; (b,c) thoracic aorta (Sites 1-4), (d,e) 

abdominal aorta (Sites 5-8). A 36.5% decrease in elastin content is observed between the 

ascending thoracic and distal abdominal portions of the vessel following staining by Verhoeff’s 

method. Error bars show the range at each site from min to max. 

 

4.3.2 Collagen 

Figure 4.4 shows the spatial variance in collagen content along the aorta from proximal 

to distal. In contrast to elastin, the area fraction of collagen increases with increasing 

distance from the heart. At the level of the proximal ascending aorta, collagen 

constitutes 22 ±  1.6 % of the vessel wall, while in the distal abdominal portion this 

is markedly increased to 53 ±  5.1 %. Making use of thoracic and abdominal 

subgroups, split by the diaphragm, a statistically significant difference in collagen 

content is observed (p=0.006). Additionally, significant circumferential heterogeneity 

in collagen content is observed in the ascending thoracic aorta, with the highest area 

fraction observed on the medial segment of the wall (see Supplementary Material 

(Figure S1(c))). 

(a) 

(b) 

(c) 

(d) 

(e) 
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Figure 4.4: Collagen as a function of location along the aorta; (b,c) thoracic aorta (Sites 1-4), (d,e) 

abdominal aorta (Sites 5-8). A 133% increase in collagen content is observed between the 

ascending thoracic and distal abdominal portions of the vessel following Masson’s Trichrome 

stain. Error bars show the range at each site from min to max, while * indicates a statistically 

significant difference between thoracic and abdominal aorta subgroups (p < 0.05). 

 

4.3.3 Layer Thickness 

Individual layer (intima, media and adventitia) thicknesses are presented for each 

location in Figure 4.5. The intimal thickness (defined by the internal elastic lamina) 

increases with increasing distance from the heart from 100 ± 47 μm at the proximal 

ascending to 130 ± 20 μm at the distal abdominal aorta. The media, bound by the 

internal and external elastic laminae markedly decreases from 877 ± 123 μm 

proximally to 369 ± 33 μm distally. Finally, the adventitia defined as outside the 

external elastic lamina increases from 221 ± 71 μm nearest the heart to 323 ± 12 μm 

(a) 

(b) 

(c) 

(d) 

(e) 
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immedialy proximal to the common iliac bifurcation. Mean layer thickness values for 

the thoracic and abdominal aorta are presented in Table 4.2. 

 

Figure 4.5: Intima/Media/Adventitia layer thickness breakdown according to location along the 

aorta. The overall aortic wall thickness changes from 1.2 mm to 0.83 mm from proximal to distal 

portions. Error bars show the range at each site from min to max. 

 

Table 4.2: Wall layer thickness proportions, where (*) and (**) indicate p<0.1 and p<0.05 

respectively. 
 

Thoracic Abdominal 

Site 1 2 3 4 5 6 7 8 

Intima 0.10 0.08 0.11 0.12 0.12 0.12 0.11 0.13 

Mean 0.10 0.12 

Media 0.88 0.65 0.60 0.62 0.46 0.53 0.53 0.37 

Mean (**) 0.69 0.47 

Adventitia 0.22 0.17 0.28 0.28 0.25 0.30 0.34 0.32 

Mean (*) 0.24 0.30 

4.4.4 Collagen Fiber Orientations 

PLM techniques are employed in order to quantify the regional heterogeneity in 

collagen fiber orientations along both the axial and radial dimensions of the aorta. As 

outlined in Section 4.3.1, eight samples were analysed along the length of the aorta 

from proximal ascending to distal abdominal. For each sample, the orientation of the 

blocks is set to allow sectioning through the thickness of the wall layers, such that 

samples could be taken from the intima, media and adventitia at each axial location. 

Figure 4.6 illustrates the probability density histograms (dotted) for each aortic layer 

for each location along the vessel in ascending order from proximal to distal. 
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Significant heterogeneity is evident both radially and axially. Von-Mises mixture 

models (solid) fit to the data allow quantification of the mean and standard deviation 

(inversely related to Kappa) of each von-Mises ditribution which are taken to represent 

an individual fiber family. Parameters pertaining to each von-Mises mixture model 

can be found in Table 4.3. 

 

 



Chapter 4 

79 
 

 

Figure 4.6: Probability Density Histograms (dotted) for each site along the axial dimension of the aorta, with Von-Mises mixture model fits overlaid (solid). 

For each location the intima is indicated in red, media in green and adventitia and blue. 0 and ±π/2 represent the circumferential and axial axes of the 

sample respectively. 
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Table 4.3: Von-Mises mixture model parameters for each site and wall layer. 

Location n Mean Covariance Proportion 

Site1_Intima 2 (-33.7), (59.9) (3.8), (10.5) (0.61), (0.39) 

Site1_Media 3 (14.9), (-24.8), (-19.7) (3.5), (5.8), (100.6) (0.1), (0.57), (0.32) 

Site1_Adventitia 2 (-30.5), (69.4) (2.3), (19.7) (0.37), (0.63) 

Site2_Intima 2 (-77.0), (57.5) (32.0), (8.5) (0.11), (0.89) 

Site2_Media 2 (-37.9), (42.1) (5.1), (9.8) (0.35), (0.65) 

Site2_Adventitia 3 (23.2), (-39.0), (-76.5) (17.9), (51.7), (77.4) (0.02), (0.96), (0.02) 

Site3_Intima 3 (52.8), (-26.6), (26.0) (565.8), (12.4), (10.3) (0.02), (0.75), (0.2) 

Site3_Media 3 (-80.1), (26.3), (-51.3) (65.5), (7.3), (11.5) (0.08), (0.75), (0.17) 

Site3_Adventitia 3 (61.7), (-41.5), (-11.9) (8.9), (19.0), (44.4) (0.06), (0.48), (0.46) 

Site4_Intima 2 (18.9), (-11.9) (4.2), (5.3) (0.54), (0.46) 

Site4_Media 2 (52.9), (-23.7) (11.8), (10.7) (0.06), (0.94) 

Site4_Adventitia 2 (-47.9), (-2.2) (58.2), (3.6) (0.24), (0.76) 

Site5_Intima 2 (-77.9), (55.1) (37.5), (10.5) (0.07), (0.93) 

Site5_Media 2 (-31.2), (54.1) (5.0), (29.4) (0.16), (0.84) 

Site5_Adventitia 2 (34.9), (-69.8) (6.0), (12.0) (0.97), (0.03) 

Site6_Intima 2 (-36.2), (-11.9) (81.8), (52.3) (0.12), (0.88) 

Site6_Media 3 (-38.9), (26.9), (43.9) (4.3), (304.9), (11.9) (0.1), (0.18), (0.71) 

Site6_Adventitia 3 (84.6), (-65.4), (-78.9) (224.8), (231), (97.4) (0.06), (0.68), (0.26) 

Site7_Intima 2 (-75.8), (62.3) (26.7), (10.8) (0.18), (0.82) 

Site7_Media 3 (-84.7), (77.9), (13.9) (193.5), (72.3), (3.4) (0.15), (0.33), (0.52) 

Site7_Adventitia 4 (-5.0), (19.3), (-14.1), 

(8.7) 

(0.02), (0.001), (0.0006), 

(0.0062) 

(0.3), (0.19), (0.16), 

(0.35) 

Site8_Intima 5 (-37.4), (0.3), (46.2), 

(-19.7), (-39.4) 

(10.2), (37.8), (11.3), 

(386.6), (356.2) 

(0.2), (0.39), (0.02), 

(0.23), (0.16) 

Site8_Media 2 (-84.4), (66.9) (279.7), (56.2) (0.05), (0.95) 

Site8_Adventitia 3 (-68.4), (54.1), (-4.6) (23.4), (11.9), (11.0) (0.20), (0.23), (0.56) 

 

Figure 4.7 highlights the evolution of fiber peaks along the length of the aorta for each 

tunical layer. Significant heterogeneity is evident in the mean angle and its standard 

deviation for each peak. At the majority of sites (intima (6/8 sites); media (5/8 sites); 

adventitia (6/8 sites)) peaks are observed at both a positive and negative angle to the 

circumferential axis. However, in general, the magnitude and standard deviation of 

each of the peaks at a given site are not symmetric about the circumferential axis. In 

the adventitial layer at sites 4,7 and 8 strong peaks are observed near to the 

circumferential axis, whereas in the media no strong peak is observed in on the 

circumferential axis. In the media the mean angle at a site becomes more positive 



Chapter 4 

81 
 

distally, whereas in the adventitia the mean angle at a site becomes more negative 

distally. 

 

Figure 4.7: Evolution of fiber peaks along the aorta for each layer (intima, media, adventitia). 

For each site, from proximal to distal aorta, the size of the filled circle represents the proportion 

of the von-Mises mixture model captured by the given mean angle and spread of each peak. In 

each case, the standard deviation about each mean is represented by the solid vertical bars. 

 

Finally, SMC content is investigated as a function of position along the aorta, results 

of which are presented in Figure 4.8. The proximal aorta exhibits a lower density of 

SMCs than the distal abdominal portion with an area fraction of 22.4% vs 27.0% 

respectively. Categorising the sample sites into thoracic and abdominal subgroups, a 

statistically significant difference in SMC content (Figure 4.8(a)) is observed between 

the two groups split by the diaphragm (p=0.009). Additionally, a higher number of 

SMC nuclei/mm2 (Figure 4.8(b)) are observed distally compared to proximally.  

 

Figure 4.8: (a) SMC area fraction (%). (b) Number of SMC nuclei/mm2. Error bars show the 

range at each site from min to max, while * indicates a statistically significant difference between 

thoracic (Sites 1-4) and abdominal (Sites 5-8) aorta subgroups (p<0.05). 

 

 

 

(a) (b) 
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4.4 Discussion 

The focus of this chapter is to investigate the regional bioarchitecture of the human 

aorta, specifically, the constituents which contribute to the compliance of the vessel. 

The study quantifies the orientation and density of the main load bearing constituents 

of the wall at a number of discrete points along the aorta from proximal ascending to 

distal abdominal portions. It is shown that the organisation of collagen fibers is highly 

complex, while the quantification and fitting of the orientation distributions raises 

questions regarding the accuracy of models that assume collagen fibers to be 

homogeneously (Roy et al., 2014) and symmetrically (Grytsan and Holzapfel, 2015) 

distributed throughout. The quantification of spatial variance in aortic bioarchitecture 

will provide advance through integration with advanced finite element models, 

incorporating the true regional microstructure of the aorta to levels of unprecedented 

detail. To the author’s knowledge, no previous study to date has quantified, using 

histological and stereological methods, the regional variations in elastin, collagen and 

SMC distributions in human cadaveric aortae. 

The regional density of elastin within the aortic wall from the proximal ascending to 

distal abdominal segments was examined. The high levels of elastin in the proximal 

ascending aorta (27 ±  4.7 %) render it the dominant protein within the wall 

proximally. Additionally, significant circumferential heterogeneity in elastin content 

is observed in the ascending thoracic aorta, with the highest area fraction observed on 

the lateral segment of the wall (see Supplementary Material (Figure S1(a))). From a 

biomechanical point of view, high levels of elasticity within the vessel wall proximally 

are crucial for maintenance of the Windkessel effect, left ventricular function and 

diastolic flow (Belz, 1995; Davies et al., 2008; João L Cavalcante et al., 2011). 

Distally, a reduction in elastin concentration of 36.5% is observed at the level 

immediately proximal to the common iliac bifurcation (17 ±  3.9 %). This is in broad 

agreement with Halloran et al., (1995) who observed a decrease in elastin 

concentration using biochemical analysis between the thoracic and abdominal 

segments. As the Windkessel effect results from the compliance of aortic tissue, a 

decrease in elastin and increase in collagen and SMCs distally suggests a 

microstructural mechanism for heterogeneous aortic compliance observed previously 

in-vitro. An inverse relationship between elastin and SMCs exists whereby SMC 

content is higher distally which dictates vascular tone. Haskett et al., (2010) subjected 

human aortic tissue samples to biaxial tension and found that the abdominal aorta was 

significantly stiffer than proximal regions while Kim et al., (2013) observed under 

bulge inflation tests of thoracic aortic rings, that distal segments were stiffer than 

proximal segments. Without the implementation of histological and stereological 

techniques however, the components of aortic tissue contributing to this increased 

stiffness cannot be determined. 

Investigation of the regional density of collagen within the aortic wall provides insight 

into both its importance at specific anatomical locations and its role in the deformation 

of the system. In the proximal ascending aorta collagen content is lowest (22 ±
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 1.6 %) but becomes far more pronounced with increasing distance from the heart, and 

distally becomes the dominant protein within the wall (53 ±  5.1 %). Additionally, 

significant circumferential heterogeneity in collagen content is observed in the 

ascending thoracic aorta, with the highest area fraction observed on the medial 

segment of the wall (see Supplementary Material (Figure S1(c))). The increased 

density of collagen distally observed here is also in agreement with work published on 

various species (Grant, 1967) although in Grant, (1967), the authors rely on 

biochemical methods for the quantification of collagen through hydroxyproline, which 

is also present in elastin. The inverse relationship between elastin and collagen 

observed in this study is in agreement with previous work stating that the ratio of 

elastin to collagen decreases markedly between the aorta and femoral arteries in both 

porcine and murine populations (Sokolis and Karayannacos, 2008; Basu et al., 2010). 

With collagen reported to exhibit 5,000 times the tensile stiffness of elastin (João L 

Cavalcante et al., 2011), results presented here also provide microstructural insight 

into the increased stiffness seen in the distal aorta both in-vitro (Moriwaki et al., 

2011a; Krüger et al., 2016) and in-vivo (Mohiaddin et al., 1989; Saouti et al., 2012). 

Moreover, these findings suggest that the common description of aortic compliance 

by a single coefficient may be inaccurate  (Lehmann et al., 1998; Vyas et al., 2007; 

Lalande et al., 2008a). 

Due to the nature of collagen fibers being orders of magnitude stiffer than the other 

constituents of aortic tissue, the vessel walls behave like a fiber reinforced composite, 

in that the orientation of the fibers plays a role in the structural anisotropy of the vessel 

wall. Thus, fiber density alone cannot fully describe the compliance of the vessel, and 

hence an investigation of the orientation of collagen fibers within the aortic wall at 

each location was performed as outlined previously. Significant dispersion is evident 

in each probability density histogram, in addition to notable transmural variation in 

mean fiber angles between the intima, media and adventitia. Interestingly, the presence 

of two equally dominant, and symmetric fiber families is absent.  

Although two families (peaks in probability density histogram) are frequently apparent 

in the present data, in each case one constitutes significantly more area fraction than 

the other. O’Connell et al., (2008), Horny et al., (2010), Schriefl et al., (2012), Chow 

et al., (2014), Sassani et al., (2015), Weisbecker & Holzapfel, (2015), and Sugita & 

Matsumoto, (2018) report that a single family of fibers was evident, however others 

have reported two (Schriefl et al., 2012b; Laksari et al., 2016), three (Schriefl et al., 

2012) and even four (R. Rezakhaniha et al., 2012; Schriefl et al., 2012) fiber families, 

all of which are evident here, further emphasizing aortic microarchitectural 

heterogeneity at a local level. It is shown that a von Mises mixture model is required 

to accurately fit the complexity of collagen fiber orientations that exists along the 

aorta, which suggests that common constitutive laws implemented through finite 

element analysis (Holzapfel, Gasser and Ogden, 2000; Nolan et al., 2014) may not be 

capable of fully capturing the full anisotropy of the vessel. 
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Significant variance in layer thicknesses is observed along the aortic length within the 

intima, media and adventitia. Results show that intimal thickness increases from the 

proximal (100 ± 47 μm) to distal aorta (130 ± 20 μm). Similarly, adventitial layer 

thickness increases from the proximal (221 ± 71 μm) to distal (323 ± 12 μm) aorta. 

The medial layer however, decreases from the proximal (877 ± 123 μm) to distal 

(369 ± 33 μm) aorta. The overall wall thickness reduces from 1200 ± 430 μm to 

825 ± 192 μm with increasing distance from the heart. Results shown here are in 

agreement with work published by Rhodin, (1980) and Schriefl et al., (2012) where 

these authors report an increase in both intimal and adventitial thicknesses in addition 

to a decrease in medial thickness distally. 

We also examine SMC content in order to investigate the spatial distribution of active 

constituents within the aortic wall. Results show that SMC content increases with 

increasing distance from the heart with 22.4% of the proximal ascending aortic wall 

comprising of SMCs, while this increases to 27.0% in the distal abdominal aorta. 

Although the aorta is considered to be, relative to smaller calibre vessels which are 

termed muscular, an elastic artery (Lacolley et al., 2017),  a significant difference is 

observed regionally between the proximal thoracic and distal abdominal portions that 

follows the tapering of the aorta with increased SMC density distally. This result is in 

agreement with reports by Lacolley et al., (2017) and the findings of Arnaud, (2000) 

where the abdominal aorta exhibited a higher basal requirement for oxygen 

consumption and mitochondrial activity than its thoracic counterpart in the porcine 

aorta. The same authors hypothesize that the more passive elastic nature of the 

proximal aorta overrides the requirement for a dense active component whereas the 

abdominal aorta may be subject to a more pronounced vasoactive regulation. Future 

work should investigate the spatial variance in the three-dimensional morphology of 

SMCs and nuclei, including detailed quantification of aspect ratio and cell volume. 

Due to legislative constraints cell content and collagen fiber orientation analyses were 

only conducted on one of the donors. Further work is warranted here to increase the 

sample size to gain a better insight into the true variability of such parameters. 

However, considerable differences are apparent even within each constituent of the 

cohort studied here, and so care should be taken when averaging values across donors 

not to lose important inter-sample variances due to age, lifestyle and medical history. 

Finally, it should be noted that the average age of the donors in this study is 77.6 years 

which is entirely due to availability, and as such reflects an elderly population. Further 

scope exists in extending this framework to a younger comparative cohort in order to 

characterise the effects of ageing on the regional bioarchitecture. 

The detailed insights into the spatially varying bioarchitecture of the human aorta 

revealed in this chapter are critical for the development of a more complete 

understanding of aortic anatomy and physiology and its complex changes throughout 

its length. The individual component densities and orientations of elastin, collagen and 

SMCs, all contribute to the complex local mechanical behaviour of the aorta, 

ultimately governing the non-linear elasticity and contractility of the vessel. Follow-
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on 4D Flow MRI/finite element investigations are being performed to parse the 

individual contributions of the components of the aortic wall to the spatial 

heterogeneity in aortic biomechanics. Significant heterogeneity between the thoracic 

and abdominal aorta in terms of embryology, atherosclerotic plaque deposition, 

protease profiles and cell signalling pathways has been reported previously (see 

review by (Ruddy et al., 2008), in addition to heterogeneous changes in mechanical 

behaviour for porcine tissue, Kim et al., (2013). Results presented in the current study 

provide new information on the complex distributions of fibres at each section along 

the aorta, in addition to detailed quantification of the spatial heterogeneity of the aortic 

microstructure.  

All values of wall thickness and fibre orientation reported in this study are for 

unloaded tissue. Therefore, such data can be directly input to a finite element model 

in the unloaded reference configuration. Simulation of the artery response to applied 

physiological loading (e.g. diastolic/systolic lumen pressure profiles) could readily 

predict heterogeneous changes in wall thickness and fibre orientation during a cardiac 

cycle. A follow-on study will be performed in which the heterogeneous 

microstructural and geometric data will be input into a finite element framework. 

Finally, the data presented can facilitate the generation of the most advanced 

anisotropic finite element models of the human aorta available to date, highlighting 

the importance of integrating histological and stereological data with the field of 

computational science. 

4.5 Conclusion 

The spatial variance in bioarchitecture of the human aorta was quantified using 

histological and stereological techniques. Significant heterogeneity is evident in the 

orientation of collagen fibers both axially and transmurally within the aortic wall. 

Heterogeneity in elastin, collagen, and SMC content is also observed along the axial 

dimension of the aorta. In the proximal ascending portion, elastin is the dominant 

protein whereas collagen is the dominant protein within the wall distally, rendering 

this area naturally less compliant. Morphological analyses show the thickness of each 

tunical layer to also vary significantly with increasing distance from the heart. Finally, 

the quantification and fitting of regional aortic bioarchitectural data can serve as a 

direct input into the development of next-generation finite element models, that can 

potentially simulate the influence of regional aortic composition and microstructure 

on vessel biomechanics. 
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CHAPTER 5 

 
A DUAL-VENC 4D FLOW MRI FRAMEWORK TO 

UNCOVER SPATIOTEMPORAL COMPLIANCE AND 

PULSE WAVE VELOCITY IN THE HUMAN AORTA 

 

Abstract  

Accurate measurement of the highly heterogeneous compliance and pulse wave 

velocity throughout the entire aorta and cardiac cycle presents a considerable 

challenge. This study focuses on the development of a dual-VENC 4D Flow MRI 

protocol to capture the spatial variation in the biomechanics of the entire human aorta. 

The generation of a composite dataset ensures accurate quantification of unsteady non-

uniform blood flow throughout the entire vessel and cardiac cycle, in addition to 

measurement of the dynamically changing geometry of the aortic wall. The protocol 

provides high sensitivity to all blood flow velocities throughout the entire cardiac 

cycle, overcoming the challenge of accurately measuring the highly unsteady non-

uniform flow field in the aorta. Cross sectional area change, volumetric flow rate, and 

compliance are observed to decrease with distance from the heart, while pulse wave 

velocity is observed to increase. A non-linear aortic lumen pressure-area relationship 

is observed throughout the aorta, such that a high vessel compliance occurs at low 

pressures, and a low vessel compliance occurs at high pressures. This clearly 

demonstrates that vessel compliance during a cardiac cycle cannot be simplistically 

represented by a single value. The biomechanical behaviour of the aorta is highly 

dependent on the time-point of the cardiac cycle and on the spatial location relative to 

the heart. This dual-VENC methodology potentially provides a framework for pre-

operative evaluation of stent positioning on ventriculo-aortic mechanics, for post-

operative surveillance, and for design of next-generation patient-specific endografts. 
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5.1 Introduction 

Of the 97,000 km of blood vessels in the human body, the near-metre long segment 

connecting the left ventricle to the periphery, known as the aorta, is the most important. 

Diseases affecting the aorta such as aneurysm and dissection have long been 

documented, but still today remain difficult to treat. According to the Centre for 

Disease Control and Prevention, an average of 47,000 deaths each year in the United 

States are attributed to diseases of the aorta and its branches (excluding carotid and 

coronary disease). This exceeds the number of annual deaths due to breast cancer, 

pancreatic cancer, colon cancer and prostate cancer (Svensson and Rodriguez, 2005). 

Patients undergoing surgery of the aorta have two main treatment options: open 

surgical repair (OSR); or endovascular aortic repair (EVAR). The introduction of 

EVAR in the early 1990s was fuelled by the need for a less invasive treatment option 

for co-morbid patients and poor outcomes following OSR. In the quarter-century since 

its introduction, EVAR has shown superiority over OSR in the short-term, where 

studies continue to report mortality rates from 14% to 45% in the first 30 days post-

OSR (Hicks et al., 2015; IMPROVE Trial Investigators, 2014), but no significant 

benefits are apparent for EVAR patients in the long-term (Patel et al., 2016).  

As the first thoracic endovascular aortic repair (TEVAR) graft only received FDA 

approval in 2005 (Bhamidipati et al., 2011), long-term results are only now coming to 

light. A number of studies have reported high levels of cardiac complications 

following TEVAR, where Conrad et al. (2017) reports 34% mortality due to cardiac 

events in thoracic aortic aneurysms (TAA), while a study by Bischoff et al. (2016) 

reports 30% cardiac mortality for a larger TAA cohort. A recent study by Concannon 

et al. (2017) reports that, from a cohort of 151 patients with thoracoabdominal aortic 

aneurysms (TAAA), 39%  of total deaths were due to cardiac failure. Notably, all 

deaths due to new onset cardiac complications were in patients who underwent 

stenting of the supradiaphragmatic aorta. Altogether, these results suggest a 

dependence of post-operative cardiac outcomes on the location of stent deployment in 

the aorta. 

A detailed biomechanical investigation of the influence of stent deployment on aortic 

deformation, haemodynamics, and pulse wave velocity (PWV) is required to uncover 

the mechanisms that cause cardiac complications post-TEVAR. As an important first 

step in this process, we propose a non-invasive 4D Flow MRI protocol to accurately 

characterise spatial variations in biomechanical behaviour throughout the entire aorta, 

in addition to dynamic variations throughout a cardiac cycle. The ability to 

characterise spatially dependent vessel geometry and deformation, blood flow 

patterns, and PWV will potentially guide the selection of stent-graft design and 

position in EVAR procedures in order to minimise the risk of cardiac complications 

post-intervention. An increased PWV has been established as a strong risk factor for 

cardiac events, independent of traditional risk factors such as smoking, hypertension 

and diabetes mellitus (Ben-Shlomo et al., 2014). The ability to accurately determine 

the spatially non-uniform PWV throughout the entire aorta, both pre- and post-

intervention, could potentially provide new insights. 
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The increase in clinical acceptance of EVAR has resulted in a reduction in the number 

of primary OSR cases (Dua et al., 2014), and a consequent reduction in the availability 

of tissue samples for in-vitro biomechanical testing. Moreover, surgically excised 

tissue often consists of a small portion (approximately 1 cm2) of the aorta, presenting 

significant challenges in terms of bi-axial mechanical testing (Nolan and McGarry, 

2016). Therefore, in-vitro testing of excised tissue does not present a viable 

methodology to accurately determine the detailed spatial variations in compliance and 

PVW in a patient-specific aorta. Alternative approaches of combined medical imaging 

and computational analysis (finite element (FE) and computational fluid dynamics 

(CFD) modelling) to determine biomechanical properties non-invasively are highly 

promising, particularly in light of recent advances in medical imaging technology and 

computational capability. 

Of the few studies that attempt to investigate the biomechanics of the aorta, its 

heterogeneity has been reasonably well established in animals through ex-vivo testing 

of the excised vessel (Moriwaki et al., 2011b; Krüger et al., 2016). Previous in-vivo 

analyses of the human aorta have focused on limited isolated segments, such as the 

thoracic (Mohiaddin et al., 1989) or abdominal aorta (Länne et al., 1992), which fail 

to provide the necessary anatomical coverage to capture the true heterogeneity and 

therefore cannot be taken to represent the entire vessel. Due to the lack of reliable and 

detailed information on the heterogeneity of the aorta, computational models have 

typically assumed that the wall stiffness is spatially uniform throughout the vessel 

(Kim et al. 2009; Morbiducci et al. 2013; Crosetto et al. 2011; Gohean and Zhang 

2009). An improved robust methodology to non-invasively characterise patient-

specific spatial variation in aortic PWV and compliance throughout the cardiac cycle 

has the potential to provide accurate heterogeneous material properties for 

computational models, leading to significant improvements in EVAR device design, 

and subsequently, postoperative outcomes. 

The current study presents a framework using 4D Flow MRI to characterise the 

biomechanics of the entire human aorta. A dual-VENC protocol is developed to 

achieve accurate measurement of the dynamically changing flow velocity field and 

lumen area throughout the entire cardiac cycle. This methodology uncovers highly 

detailed measurements on the deformation of the aorta during the cardiac cycle. For 

the first time, a nonlinear relationship between lumen area and pressure is uncovered 

in-vivo over the duration of a cardiac cycle throughout the entire aorta, providing key 

evidence that aortic biomechanics cannot be characterised by a single value 

compliance coefficient, as commonly assumed (Tierney and McGloughlin 2011; 

Lalande et al., 2008; Musa et al., 2016). Furthermore, our detailed in-vivo 

measurements reveal that the lumen pressure-area relationship, and PWV are highly 

heterogeneous throughout the aorta. The capability of the proposed dual-VENC 

protocol to generate high spatial and temporal resolution measurements of the entire 

aorta throughout an entire cardiac cycle has the potential to significantly improve 

disease diagnosis (e.g. dissection, coarctation or aneurysm rupture risk) and provide 
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guidance for patient specific intervention (e.g. choice of stent design and effect of stent 

position).  

5.2 Methodology 

In this chapter a protocol is proposed to evaluate patient-specific haemodynamics and 

lumen deformation along the entire human aorta, and throughout the entire cardiac 

cycle, using phase-contrast magnetic resonance (PC-MRI) principles (specifically, 4D 

Flow MRI). Further details of the applications and potential uses of 4D Flow MRI can 

be found in: Cibis et al., (2014), Potters et al., (2014), Markl et al. (2012), Stankovic 

et al. (2014), Markl et al. (2016), and Ha et al. (2016). Generally, with the aim of 

assessing anatomical structures, it is the magnitude of the local spin magnetization 

vector that is used in the creation of typical MR images. However, important 

information regarding the movement of hydrogen protons is encoded in the phase of 

this vector. In the field of PC-MRI, such information is exploited to determine the flow 

velocity of targeted protons. A brief summary of the theoretical background to PC-

MRI is presented in Section 5.2.1 to motivate the protocol proposed in this chapter. 

5.2.1 Theoretical Background 

In this section we provide a brief overview of the key theory and equations that 

motivate the dual-VENC protocol proposed in Section 5.2.2. The theoretical physics 

underlying MRI is extensively outlined in literature, e.g. (Ridgway 2010; Biglands 

and Ridgway 2012; Bernstein and Zhou 2004). In summary, MRI is a phase-sensitive 

modality that encodes information regarding the velocity of the targeted protons into 

the detected signal. The velocity is proportional to the phase of the local transverse 

magnetization vector. In the remainder of this chapter the term spins is used to refer 

to a finite group of protons within a given volume. 

 

The phase of spins is governed by the local Larmor or precessional frequency 𝜔𝐿: 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵(𝑟, 𝑡) (5.01) 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵0 + 𝛾∆𝐵0 + 𝛾�⃗�(𝑡)𝑟(𝑡) (5.02) 

where 𝛾 is the gyromagnetic ratio; 𝐵0 is the primary magnetic field; ∆𝐵0 relates to 

field imperfections or inhomogeneity; �⃗� is the magnetic field gradient; and 𝑟 is the 

location of the spins. If spin acceleration is constant between 𝑡0 and the time at which 

we sample our signal or echo time (𝑡), then 𝑟(t) can be represented by a 1st order 

displacement, expressed through a Taylor expansion (Bernstein and Zhou 2004) 

𝑟(𝑡) = 𝑟0 + �⃗�0(𝑡 − 𝑡0) +
1

2
�⃗�0(𝑡 − 𝑡0)2 + ⋯ (5.03) 
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where 𝑟0 is the initial position, �⃗�0 is the velocity, 𝑡0 is the initial time, and �⃗�0 is the 

acceleration. Substituting (5.03) into (5.02) and neglecting higher order terms gives: 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵0 + 𝛾∆𝐵0 + 𝛾�⃗�(𝑡)𝑟0 + 𝛾�⃗�(𝑡)�⃗�0𝑡 (5.04) 

Making use of the rotating frame of reference sets the first term on the left-hand side 

in equation 5.04 to zero, and integration of the frequency 𝜔𝐿 with respect to time, t, 

yields the phase shift, ∅, of the fluid, such that 

∅(𝑟, 𝑡) = 𝛾 ∫ ∆𝐵0

𝑇0+∆𝑇

𝑇0

𝑑𝑡 + 𝛾 ∫ �⃗�(𝑡)
𝑇0+∆𝑇

𝑇0

(𝑟0 + �⃗�0𝑡)𝑑𝑡 (5.05) 

Decomposing our equation for phase shift into a moment expansion yields: 

∅0 = 𝛾∆𝐵0(∆𝑇) (5.06) 

Defining the nth gradient moment as 

𝑀𝑛(𝑡) = ∫ �⃗�(𝑡)
𝑇0+∆𝑇

𝑇0

𝑡𝑛𝑑𝑡, (5.07) 

the phase shift (Bernstein and Zhou 2004) is then expressed as 

∅(𝑟, 𝑡) = ∅0 + 𝛾𝑀0(𝑡)𝑟0 + 𝛾𝑀1(𝑡)�⃗�0 (5.08) 

In order to extract information regarding the velocity of spins, all other components 

contributing to the phase of the precessing magnetization vector must be eliminated, 

i.e. the first term on the right-hand side of equation 5.08 (due to inhomogeneities) and 

the second term on the right-hand side of equation 5.08 (due to static protons). 

Employing a Bipolar Gradient (�⃗�) removes phase accrual due to static spins. Turning 

on a magnetic field gradient augments 𝐵0 to a degree that is related to position in 

space. Spins at the isocentre (𝐼) of the scanner precess at the Larmor frequency and 

adjacent spins precess either faster or slower depending on their position relative to 𝐼. 

Therefore, at a certain spin position relative to 𝐼, turning on �⃗� for a given increment 

in time will invoke a phase shift of a static proton of ∆∅. By inverting the polarization 

of �⃗� and leaving it on for the same period of time, this same spin packet will recover 

its original phase. By removing phase accrual due to static spins, the total phase is now 

only made up of contributions from background (inhomogeneities) and velocity terms 
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∅(𝑟, 𝑡) = ∅0 + 𝛾�⃗�𝑀1 (5.09) 

Phase offset due to background is constant so toggling the order by which �⃗� is 

employed yields: 

∅𝑎(𝑟, 𝑡) = ∅0 + 𝛾�⃗�𝑀1,𝑎   ;    ∅𝑏(𝑟, 𝑡) = ∅0 + 𝛾�⃗�𝑀1,𝑏 (5.10) 

Subtraction of the above terms removes phase accumulation due to background, giving 

∆∅, which is now only dependent on �⃗� and ∆𝑀1 (the shape of the bipolar gradient): 

∆∅ = ∅𝑎 − ∅𝑏 = 𝛾�⃗�∆𝑀1 (5.11) 

Fluid velocity along the direction of �⃗� can therefore be determined through: 

�⃗� =
∆∅

𝛾∆𝑀1
 (5.12) 

Changing ∆𝑀1 determines the velocity encoding sensitivity (VENC), defined as the 

velocity that causes a phase shift of 𝜋, such that 

𝛾∆𝑀1 =
𝜋

𝑉𝐸𝑁𝐶
 (5.13) 

giving the local fluid velocity �⃗� (Bernstein and Zhou 2004) as 

�⃗� =
∆∅

𝜋
𝑉𝐸𝑁𝐶 (5.14) 

By performing this procedure along the three orthogonal directions a scanner can be 

sensitized to calculate, of each voxel, the component of the velocity vector in the foot-

head (FH), antero-posterior (AP) and right-left (RL) directions (Figure 5.1). Combined 

with a CINE acquisition, time provides the fourth dimension for a so called 4D Flow 

MRI or formally “3D CINE Phase Contrast CMR with 3-directional velocity 

encoding” sequence. 

In Figure 5.1, cranial flow (in the positive z-direction) is indicated in red on the FH 

image in the ascending thoracic aorta. The flow direction is in the negative z-direction 

in the descending aorta, as indicated by blue in the FH image. In the AP image, 

posterior flow can be seen traversing the apex of the aortic arch while anterior flow is 

indicated by blue as blood leaves the left ventricle into the ascending thoracic aorta. 

Similarly, flow sensitization is seen with the RL image although velocity encoding is 

less obvious in the RL direction upon viewing a sagittal plane. 
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Figure 5.1: Sensitization along the three principle orthogonal directions, where FH, AP and RL 

indicate Foot-Head, Antero-Posterior and Right-Left, respectively (also referred to as the z, y, 

and x components of a Cartesian coordinate system). 

 

Due to the orthogonality of the chosen velocity encoding directions, the velocity 

magnitude of a given voxel is simply given as: 

|�⃗�| = √�⃗�𝑥
2 + �⃗�𝑦

2 + �⃗�𝑧
2 (5.15) 

Defining ∆𝑇 as the period for which �⃗� is switched on, regardless of its polarization, 

the first moment 𝑀1 of the bipolar gradient can be calculated directly as: 

𝑀1 = ∫ +�⃗�𝑖𝑡 𝑑𝑡 + ∫ −�⃗�𝑖𝑡 𝑑𝑡
𝑇1+∆𝑇

𝑇1

=
𝑇0+∆𝑇

𝑇0

�⃗�𝑖𝑇1∆𝑇 (5.16) 

Recognising that �⃗�𝑖∆𝑇 is equal to the area of an individual gradient lobe 𝐴 and T is 

the time from 𝑇0 to the time at the beginning of the second gradient lobe 𝑇1, an 

instantaneous flip of the polarization of �⃗� (Bernstein and Zhou 2004) gives: 

𝑀1 = 𝐴𝑇 = �⃗�𝑖𝑇
2   ;   ∆𝑀1 = 2�⃗�𝑖𝑇

2 (5.17) 

The velocity sensitization is therefore dependent upon the strength of �⃗� and the time 

T over which it is active, such that 

�⃗� =
∆∅

2𝛾�⃗�𝑖𝑇2
 (5.18) 
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Equation 5.17 dictates how the scanner can sensitize to specific fluid velocities. For 

example, reducing the velocity sensitization from VENC = 200 cm/s to VENC = 50 

cm/s requires a four-fold increase in the strength of �⃗�, or an increase in the time over 

which it is activated. Thus, it is preferable that the strength of the magnetic field 

gradient be increased to achieve a reduction in velocity sensitization, instead of 

increasing T necessitating unfeasibly long scan times. 

5.2.2 Proposed dual-VENC protocol for complete characterisation of aortic flow  

Maximal sensitivity is obtained for spins moving at a velocity equal to the specified 

VENC value. This presents a particular challenge for determination of blood flow 

patterns in the aorta where flow is highly unsteady (temporally varying) and non-

uniform (spatially varying). For example, a VENC of 200 cm/s, may provide a suitable 

level of sensitivity to determine the high velocity blood flow patterns in the aortic arch 

during systole. However, such a VENC value is not suitable during the diastolic phase, 

where the fluid velocity is considerably lower. In fact, in using a VENC of 200 cm/s, 

low velocity blood flow during diastole cannot be distinguished from static tissue and 

the lumen of the aorta cannot be reliably identified. A reduced VENC is required to 

achieve sufficient resolution of the flow field during diastole. 

Of course, such a low VENC is not suitable for systolic flow velocities; any fluid 

velocity greater than VENC will be misrepresented and aliased, as described 

elsewhere (Su and Chen, 2004; Tan et al., 2008; Loecher et al., 2016). In an attempt 

to overcome this issue, previous studies have proposed phase unwrapping algorithms 

to estimate velocities higher than VENC. However, significant errors have been 

reported for such techniques, in addition to increased post-processing time (Cusack 

and Papadakis, 2002; Bioucas-Dias and Valadao, 2007; Cheng et al., 2018). 

The dual-VENC protocol proposed in this study generates a composite dataset, with a 

high-VENC of 200 cm/s targeted to systole and a low-VENC of 50 cm/s targeted to 

diastole. As the only difference between our two datasets is the velocity sensitization, 

accurate velocity field measurement and lumen boundary isolation can be performed 

for each phase and plane throughout the entire cardiac cycle, all the while keeping 

acquisition parameters within the bounds specified in the most recent 4D Flow MRI 

expert consensus statement (Dyverfeldt et al., 2015). If the velocity of any pixel in an 

arbitrary plane of interest is greater than our low-VENC value (50 cm/s) we use the 

high-VENC matrix to calculate the cross-sectional-area and volumetric flow rate; 

otherwise, we use the corresponding low-VENC matrix. This approach negates the 

need for phase unwrapping techniques and provides greater accuracy in flow 

quantification in areas where the fluid velocity is low than single high-VENC 

acquisitions. 

5.2.3 Imaging Parameters 

The current study was approved by the institutional review board (Research 

Assessment Group (RAGp), Galway Clinic) and was conducted on a healthy 25-year-

old male with a normotensive blood pressure measurement of 117/73 mmHg and a 

heart rate of 60 bpm. The subject was placed in a Philips Ingenia 3T MRI scanner 
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(Philips Medical Systems, Best, Netherlands) and a 4-lead ECG system was placed on 

the chest with retrospective synchronization to the scanner to image according to 

specific phases of the subjects’ cardiac cycle. A non-contrast RF-Spoiled Gradient 

Echo pulse sequence was employed in order to capture a sufficient number of heart 

phases under free-breathing conditions. The field of view was set to encompass the 

entire aorta. The longitudinal (FH) boundaries spanned from above the level of the 

aortic arch to distal to the common iliac bifurcation, while the lateral (AP) and (RL) 

bounds enclosed the breadth and width of the subject respectively. The frequency 

encoding direction was set to AP to reduce artefact from respiratory motion. Important 

scan parameters are as follows: repetition time (TR) = 3.1 ms, echo time (TE) = 1.9 

ms, Flip Angle = 8ᴼ, cardiac phases = 20, temporal resolution = 50 ms, isotropic in-

plane resolution = 1 mm, slice thickness = 4 mm, VENC = 200 cm/s and 50 cm/s. 

VENC scouts were ran to obtain the minimum high-VENC value to prevent aliasing 

and optimize Signal to Noise Ratio (SNR), while a 4 mm slice thickness was used to 

limit scanning time. The scan time for a VENC of 200 cm/s was 4 minutes, and 8 

minutes for a VENC of 50 cm/s. In the case of the latter, the TR was increased to 10 

ms to allow sufficient down-time for the gradient coils to prevent excessive 

overheating. A balanced four-point encoding scheme was used, further details of 

which can be found in (Pelc et al., 1991). 

5.2.4 Postprocessing 

All data was processed using in-house developed C++, Python and MATLAB code. 

Data processing was performed on an Intel Core i7 CPU with 16GB DDR3 RAM. 

Post-processing time for the dual-VENC dataset was approximately 20 minutes. Raw 

MRI data files were sorted according to their encoding direction using RadiAnt 

DICOM Viewer (v4.2.1, Medixant, Poznan, Poland) and subsequently organised 

according to the time-point in the cardiac cycle using a custom Image J plugin (Figure 

5.2(a)). ParaView (5.4.1, www.paraview.org) visualisation software served as the 

platform for reading the image data for each encoding direction, developing voxel 

associativity and subsequent calculation of local velocity magnitudes |�⃗�|(𝑥, 𝑦, 𝑧, 𝑡) as 

illustrated in Figure 5.2(b). It is necessary to ensure that observational planes are 

orthogonal to the mean direction of blood flow when attempting to characterize lumen 

deformations and volumetric flow rates due to the onset of a pressure pulse. A 

centreline detection algorithm was developed to ensure such requirements were 

fulfilled as shown in Figure 5.2(c), where the centreline is defined as the centroid of 

the aortic flow domain. 

Analyses were performed at 10 planes along the aorta (Figure 5.2(d)), ranging from 

Plane 1 distal to the sinus of Valsalva to Plane 10 immediately proximal to the 

common iliac bifurcation, with an average section spacing along the centreline of 50 

mm. Each time-point for each plane in both VENC datasets was then exported for all 

further postprocessing in MATLAB (R2013b, MathWorks Inc., Natick, MA, USA). 

A bicubic interpolation algorithm is employed in order to attain further clarity for 

aortic lumen edge detection. A series of cubic splines were fit to the intensity values 

of individual pixels along both the x and y dimensions in a given plane (Figure 5.2(e)) 
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and the grid density was increased to 0.5 x 0.5 mm in-plane spatial resolution. Figure 

5.2(f) (i) and (ii) highlight in-plane pixel data pre- and post-interpolation. 

At this point, each velocity magnitude image is masked by the square of the 

corresponding magnitude (anatomical) image (Figure 5.2(f) (iii)) in order to create a 

PC-MRA matrix according to methods described in (Bustamante et al., 2017). Using 

each PC-MRA image, an ellipse is fit to the boundary of the fluid domain for each 

plane and phase of interest to determine the lumen area as a function of space and time 

based on a custom-built segmentation algorithm. Using the high-VENC velocity 

matrix, if the velocity of any pixel is greater than the low-VENC value (50 cm/s) we 

use this matrix to calculate the cross-sectional-area and volumetric flow rate. 

Otherwise, the corresponding low-VENC matrix is used. The composite data set 

generated by the dual-VENC protocol eliminates the need for any phase unwrapping 

techniques. 

For each of the 10 planes analysed, the percentage cross-sectional-area change (Δ�̂�) is 

defined according to (𝐴𝑠𝑦𝑠 − 𝐴𝑑𝑖𝑎)/𝐴𝑑𝑖𝑎, where subscripts ‘sys’ and ‘dia’ represent 

systole and diastole respectively. After isolating the aortic lumen from surrounding 

structures, streamlines and flow vectors can be plotted as shown in Figure 5.2(g). The 

integral of the velocity within the boundary of the aortic lumen provides the 

instantaneous volumetric flow rate (Q) as shown in Figure 5.2(h). Finally, the local 

PWV at each plane is calculated according to the QA method described in (Vulliémoz 

and Meuli 2002) and shown in Figure 5.2(i), where PWV is defined as the coefficient 

of proportionality between Q (blue) and 𝐶𝑆𝐴 (red) bound by the systolic upstroke of 

the cardiac cycle. Additionally, spatial variance in PWV is calculated using the time-

to-peak (TTP) method described in (Wentland and Wieben 2014), where in this case 

the wave speed is defined as ∆𝑧/∆𝑡, where ∆𝑧 is the distance along the vessel 

centreline between regions of interest and ∆𝑡 is the time lag between flow peaks for 

the thoracic and abdominal aortic segments in this case. 
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Figure 5.2: Basic overview of postprocessing steps. (a) Raw MRI volume of interest (b) velocity 

magnitude calculation using equation (14) from each encoding direction. (c) Centreline detection 

algorithm and (d) centreline highlighted in red with 10 orthogonal observational planes created 

normal to the mean direction of flow along entire aorta. (e) Bicubic interpolation process to 

increase in-plane spatial resolution. (f) Pre- (I) and Post- (II) interpolation, final matrix is 

multiplied by magnitude data (III) to form a PC-MRA image. (g) Streamlines plotted at 200ms 

into cardiac cycle. (h) Volumetric flow rate through an observational plane in the descending 

thoracic aorta during the systolic upstroke. (i) Flow (blue) and CSA (red) as a function of time in 

cardiac cycle, where the constant of proportionality can be used to calculate pulse wave velocity. 
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5.2.5 Compliance   

To estimate local vessel compliance, the pressure must be estimated throughout the 

cardiac cycle at the location in question. The clinical definition of vessel compliance 

is typically given as ∆𝐶𝑆𝐴/∆𝑃 during a cardiac cycle. Typically, vessel compliance is 

reported as a single value (Lalande et al., 2008b; João L. Cavalcante et al., 2011; Musa 

et al., 2016) as only the systolic (SBP) and diastolic pressures (DBP) are recorded. 

However, it is trivial to demonstrate that, even for the simplistic thin-walled linear-

elastic cylindrical vessel undergoing infinitesimal deformation, a linear relationship 

does not exist between ∆𝑃 and ∆𝐶𝑆𝐴 and therefore a single value of local compliance 

cannot be identified. Moreover, the well-established non-linear material behaviour of 

arterial tissue, e.g. (Zhou and Fung, 1997; Ogden, 2003; Agrawal et al., 2013), further 

invalidates the concept of a single value of compliance. By considering the entire 

blood pressure waveform, we investigate the time-dependence in local compliance 

along the length of the aorta. 

As local variations in pressure are not directly measured, we consider three 

methodologies for estimation of time-dependent blood pressure throughout the aorta: 

Firstly, a generic central aortic blood pressure curve was scaled to the subject’s cardiac 

cycle time, SBP and DBP (Figure 5.3(a)). This pressure-time relationship is applied 

to each plane in the aorta. 

Secondly, setting the central aortic blood pressure waveform to Plane 5, we employ 

the unsteady Bernoulli equation to calculate the blood pressure waveform at discrete 

proximal and distal planes (Figure 5.3(b)). Beginning with the Navier-Stokes 

equation; 

𝜌 [
∂�⃗�

∂t
+ (�⃗� ∙ ∇)�⃗�] = −∇𝑃 + 𝜌�⃗� + 𝜇∇2�⃗� (5.19) 

and assuming viscous effects contribute little to pressure differential compared to 

transient and convective terms as shown by (Lamata et al., 2014), the last term in 

equation 5.19 goes to zero and we obtain the Euler equation. Multiplying by an 

infinitesimal increment 𝑑𝑧 along a streamline, such that 𝑑𝑧 is parallel to the mean 

velocity direction �⃗� gives 

𝜌 [
∂�⃗�

∂t
+ (�⃗� ∙ ∇)�⃗�] ∙ 𝑑𝑧 = −∇𝑃 ∙ 𝑑𝑧 + 𝜌�⃗� ∙ 𝑑𝑧 (5.20) 

Integrating between two arbitrary points (Point 1 and Point 2) along a streamline 

yields 

∫ 𝜌
∂�⃗�

∂t

2

1

𝑑𝑧 +
1

2
𝜌(𝑣2

2 − 𝑣1
2) = −(𝑃2 − 𝑃1) − 𝜌�⃗�(𝑧2 − 𝑧1) (5.21) 
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where the first term on the left in equation 5.21 contains the integral of the local 

acceleration of a fluid particle along a streamline between Point 1 and Point 2. 𝜌 is the 

fluid density, 𝑃 is the pressure, and �⃗� is the fluid velocity. We neglect the last term on 

the right-hand side as the subject is in the supine position in the scanner and hence the 

change in elevation along the vessel ∆𝑧 can be taken as zero. 

Thirdly, we investigate a piecewise approach of determining the aortic blood pressure 

waveform from PC-MRI data and non-invasive brachial blood pressure measurements 

(Figure 5.3(c)). The approach is described in detail in Vennin et al., (2015). Briefly, 

the method makes use of the water hammer equation for the systolic upstroke phase 

of the cardiac cycle according to: 

𝛥𝑃 = 𝜌 ∙ 𝑃𝑊𝑉 ∙ 𝛥𝑣 (5.22) 

where 𝑃 is pressure, 𝜌 is density and 𝑣 is blood velocity. A diastolic decay function 

driven by time constant 𝜏 is utilized for the phase between aortic valve closure and re-

opening where: 

𝑃(𝑡) = 𝑃0 ∙ 𝑒−
𝑡
𝜏 (5.23) 

Finally, the systolic peak is approximated by a second-order polynomial which 

satisfies continuity and produces the prescribed mean arterial pressure (MAP). The 

corresponding area versus pressure graphs are shown for each method in Figure 5.9(a), 

Figure 5.9(b) and Figure 5.9(c) respectively. 

 

 

Figure 5.3: Pressure boundary conditions applied to calculate local aortic compliance. (a) 

Uniform; (b) Unsteady Bernoulli; (c) Piecewise. 
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5.3 Results 

5.3.1 Dual-VENC protocol for complete characterisation of aortic flow 

We employ PC-MRI principles to capture both the deformation and haemodynamics 

of the entire aorta. The proposed dual-VENC protocol provides high sensitivity to all 

blood flow velocities throughout the entire cardiac cycle, overcoming the challenge of 

accurately measuring the highly unsteady non-uniform flow field in the aorta. A single 

high-VENC approach, while providing accurate measurements of high velocities 

during systole, was found to have insufficient resolution at low velocities to 

differentiate blood flow during diastole from the surrounding static tissue; this 

observation has been previously reported (Callaghan et al., 2016; Nett et al., 2012; 

Markl et al., 2016). Consequently, the lumen geometry cannot be accurately 

determined in any region of the aorta during diastole, as clearly illustrated in Figure 

5.4(a) (only the high velocity flow in thoracic aorta at a time-point of 200 ms (systole) 

is accurately measured). An inability to accurately determine the lumen geometry and 

velocity field in the entire aorta for the entire cardiac cycle prohibits the determination 

of clinically relevant quantities such as cross-sectional-area, aortic compliance, 

volumetric flow rate and PWV. As discussed in Section 5.2.2, a single acquisition low-

VENC will not provide accurate measurement of high velocities during systole due to 

phase wrapping. This is evident in Figure 5.4(a), where the high velocities at 200 ms 

are significantly under-predicted by the low-VENC acquisition, compared to the high-

VENC that is specifically sensitized for accurate measurement during systole. 

However, flow velocities and the flow domain are accurately determined at all other 

time-points (0, 500, 700 and 900 ms) using a low-VENC, in contrast to the high-VENC 

measurements where flow is indistinguishable from the noise associated with 

surrounding static tissue. Figure 5.4(b), further highlights this motivation for a dual-

VENC approach. At 200 ms (top row), high-VENC accurately represents the fluid 

domain for the thoracic plane (indicated in red), whereas velocity aliasing is evident 

in low-VENC. In fact, some velocity vectors over 50 cm/s are misrepresented as 

negative velocities travelling towards the heart for low-VENC at this thoracic plane 

during systole. At 900 ms (bottom row), high-VENC is incapable of distinguishing the 

fluid domain from static tissue in the abdominal plane (indicated in blue), while the 

low-VENC accurately represents the flow field and aortic lumen boundary. 
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Figure 5.4: (a) Sagittal view of velocity magnitude vectors. The high-VENC (top row) captures 

systole, as shown at the 200 ms time-point. However, during diastole, low-velocity blood flow is 

not distinguishable from surrounding static tissue. The low-VENC provides accurate data on the 

region of blood-flow (and thus the lumen boundary) throughout the entire cardiac cycle. 

However, velocity aliasing is evident in low-VENC during systole. (b) Further emphasis of the 

requirement for dual-VENC approach, where top row indicates systole (200ms) in the thoracic 

plane (red), where high-VENC accurately illustrates the flow profile but velocity aliasing is 

evident in low-VENC (vectors above 50 cm/s travelling towards the heart). The bottom row 

illustrates how high-VENC cannot distinguish low velocity vectors from static tissue clearly in the 

abdominal plane (blue), while low-VENC can. By combining both data-sets in our dual-VENC 

approach, we obtain accurate measurements of the region of flow (and thus the lumen boundary) 

in addition to accurate measurement of the velocity vectors throughout the entire R-R interval in 

the entire aorta. 

 

5.3.2 Spatial Deformation 

Figure 5.5 shows the spatial and temporal change in lumen cross-sectional-area 

throughout a cardiac cycle.  Clearly the lumen cross-section-area (CSA) decreases 

with increasing distance from the heart at any given time-point in the cardiac cycle. 

For example, at time t=250 ms, the CSA at Plane 2 in the ascending aorta is 644 mm2, 

compared to 295 mm2 at Plane 5 and 158 mm2 at Plane 10. 



Chapter 5 

109 
 

 

Figure 5.5: Area as a function of cardiac cycle time for a series of discrete planes along the vessel 

from proximal to distal aorta. Filled markers indicate phases where low-VENC data were used 

and unfilled markers indicate where high-VENC were used. 

 

Figure 5.6(a) shows the lumen area at the end of diastole, Adia, for all 10 planes. The 

well-known tapering of the aorta is also evident, with a decrease in Adia with increasing 

distance from the heart. The percentage change in cross-sectional-area, ∆�̂�, due to the 

onset of the pressure pulse is presented for each plane in Figure 5.6(b), where 

∆�̂� = (𝐴𝑠𝑦𝑠 − 𝐴𝑑𝑖𝑎)/𝐴𝑑𝑖𝑎. Firstly, it should be noted that ∆�̂� ranges from 15% for 

Plane 10 up to 65% for Plane 1, providing an indication of the extremely large 

deformation of the aortic wall during a cardiac cycle. Indeed, it should be noted that 

the circumferential strains in the aortic tissue will be significantly larger than the 

values of ∆�̂� reported, given that the undeformed reference area (at zero pressure) is 

significantly lower than 𝐴𝑑𝑖𝑎 (clearly the true undeformed reference area cannot be 

determined in a “live” aorta, so the measure ∆�̂� is instead presented here to 

demonstrate the high aortic deformations during a cardiac cycle). Categorising the 

planes into two subgroups, namely ‘thoracic’ and ‘abdominal’, a statistically 

significant difference in ∆�̂� is observed between the two groups (p<0.005). 
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Figure 5.6: (a) Diastolic cross-sectional-area for each plane, highlighting the tapering of the aorta 

distally. (b) Cross-sectional-area change for each plane along the aorta. ** indicates a statistically 

significant difference between thoracic and abdominal aorta subgroups (p<0.005). 

 

5.3.3 Spatial Haemodynamics 

The integral of the velocity matrix within the boundary of the fluid domain yields the 

volumetric flow rate, 𝑄 (Figure 5.7). The reduction of 𝑄 with increasing distance from 

the heart can be attributed, in part, to out-flow to visceral arteries including the supra-

aortic, mesenteric and renal vessels. For example, the large drop in flow between Plane 

1 and Plane 5 is associated with out-flow to the innominate, left common carotid, and 

left subclavian arteries supplying the head, neck, and upper body with a large 

volumetric blood flow. The opening of the aortic valve occurs at approximately 50 ms 

and closes at 500 ms, while the time lag between the flow peaks of each plane is related 

to the speed of the ejected pulse wave propagating through the aortic tree. Peak systolic 

blood flow ranges from 196 ml/s at Plane 1 in the ascending aorta to 28 ml/s at Plane 

10 in the abdominal aorta, while diastolic flow at timepoint 600 ms ranges from 53ml/s 

at Plane 1 to 2ml/s in Plane 10. The non-zero flow during diastole, illustrates the well-

known Windkessel effect. The measurements presented here demonstrate that the 

diastolic flow due to the Windkessel effect is highest in the ascending aorta and 

reduces with increasing distance from the heart. 

** 
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Figure 5.7: Aortic volumetric flow rate, Q throughout the cardiac cycle for a series of discrete 

planes along the vessel from proximal to distal aorta. Filled markers indicate phases where low-

VENC was used and clear markers where high-VENC was used. 

 

The coefficient of proportionality between 𝑄 and 𝐶𝑆𝐴 provides the wave propagation 

speed (i.e. the speed of a blood column as it travels through the aorta following 

ventricular ejection), formally known as the pulse wave velocity (PWV). Figure 5.8(a) 

shows a higher wave velocity in the distal aorta than in the proximal aorta. Again, 

categorising the planes into two subgroups, thoracic and abdominal, a statistically 

significant difference in PWV between the two groups is found (p<0.005). The 

implementation of the TTP method to determine the PWV also provides a similar 

result, as shown in Figure 5.8(b); the PWV in the abdominal aorta (8.2 m/s) is found 

to be approximately 28% higher than in the thoracic aorta (6.4 m/s). The increased 

PWV in the abdominal aorta is due, in part, to the tapered geometry, as shown in 

Figure 5.6(a). However, spatial changes in vessel compliance also contribute to the 

observed increase in PWV. 
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Figure 5.8: (a) PWV determined using the QA method. A gradient in wave speed is evident, 

increasing with distance from the heart. (b) PWV determined using the TTP method from Plane 

1 to Plane 5 (thoracic) and Plane 5 to Plane 10 (abdominal). Thoracic and abdominal aortic 

segments exhibit a wave velocity of 6.36 m/s and 8.21 m/s respectively. 

 

5.3.4 Spatial and Temporal Compliance 

Spatial and temporal changes in vessel compliance are next investigated using the 

three blood pressure waveforms ((i) uniform brachial pressure wave, (ii) spatially 

varying pressure wave computed using the unsteady Bernoulli approach, (iii) spatially 

varying pressure wave determined using the piecewise approach) determined in 

Section 5.2.5. In Figure 5.9, the instantaneous lumen cross-sectional-area is plotted as 

a function of blood pressure. Results are presented for the three aforementioned 

pressure waveforms at the proximal ascending aorta and the distal abdominal aorta. 

The instantaneous compliance at a given lumen pressure is given by the slope of the 

pressure-area graph. In all cases two distinct linear regions are observed, such that a 

high vessel compliance occurs at low pressures, and a low vessel compliance occurs 

at high pressures. This clearly demonstrates that vessel compliance during a cardiac 

cycle cannot be simplistically represented by a single value. The decrease in 

compliance at higher lumen pressures is due to strain stiffening constitutive behaviour 

of the aortic wall. 
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Figure 5.9: Area versus Pressure for the three pressure waveforms: (a,d) uniform brachial 

pressure wave; (b,e) spatially varying pressure wave computed using unsteady Bernoulli 

approach; (c,f) spatially varying pressure wave determined using piecewise approach. Circular 

markers represent Plane 2 (proximal ascending thoracic aorta) and square markers represent 

Plane 10 (distal infrarenal abdominal aorta). Two-distinctive linear compliance regimes are 

evident in each case. The values of the bi-linear compliance are determined from the slope of the 

best-fit lines. High compliance regimes labelled with red lines and subscript “1”, and low 

compliance regimes labelled with blue lines and subscripts “2”; e.g. C102 indicates the low 

compliance regime of plane 10.  Results highlight a strong dependence of compliance on transient 

lumen pressure and on spatial location. 

 

For each case presented in Figure 5.9, the value of compliance is determined using 

linear regression fits for the two distinct regions (red and blue) of the pressure-area 

graphs (values are presented in Table 5.1). Clear evidence of strain stiffening is visible 

in each subplot of Figure 5.9, where significantly higher aortic dilation for a given 

change in pressure are observed in the high compliance (red) regime, compared to the 

low compliance (blue) regime. As an example, for Plane 2 (Figure 5.9a (uniform blood 

pressure waveform)) the compliance at low pressure (C21 = 11.94 mm2/mmHg) is over 

eight times higher than the compliance at high pressure (C22 = 1.48 mm2/mmHg). For 

Plane 2 the high compliance regime occurs for pressures below 85 mmHg. While a 

broadly similar bi-linear behaviour is also observed at Plane 10 (abdominal aorta), 

compliance values are an order of magnitude lower than those at Plane 2 (ascending 

aorta). As an example, for Plane 10 (Figure 5.9d (uniform blood pressure waveform)) 

a high compliance value of C101 = 0.67 mm2/mmHg is determined, with a low 

compliance value of C101 = 0.11 mm2/mmHg. Furthermore, at Plane 10 the change in 

compliance regime is observed to occur at a pressure of ~100 mmHg (compared to 

~85 mmHg at Plane 2). These results highlight the dramatic differences in in-vivo 

material behaviour between the thoracic and abdominal aorta.  Despite the fact that 

higher material strains occur in the thoracic aorta, as evident from Figure 5.6, the 

instantaneous material stiffness is significantly higher in the abdominal aorta. The 

higher stiffness of the abdominal aorta explains, in part, the higher PWV in this region, 

as observed in Figure 5.8. 
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Table 5.1: Compliance values based on linear regression best-fits to the low and high compliance 

regime data presented in Figure 5.9. C2 represents Plane 2 and C10 Plane 10 with subscripts 1 

and 2 representing high and low compliance regimes, respectively. 

 

 Uniform Bernoulli Piecewise 

 Compliance 

(mm2/mmHg) 

(R2) Compliance 

(mm2/mmHg) 

(R2) Compliance 

(mm2/mmHg) 

(R2) 

C21 11.94 (0.973) 10.64 (0.961) 17.1 (0.998) 

C22 1.48 (0.974) 1.32 (0.976) 1.40 (0.944) 

C101 0.67 (0.892) 0.70 (0.933) 0.56 (0.919) 

C102 0.11 (0.619) 0.04 (0.523) 0.12 (0.649) 

 

5.4 Discussion 

The focus of this chapter is to employ 4D Flow MRI techniques to investigate, non-

invasively, the spatiotemporal heterogeneity of the entire human aorta. The study aims 

to create a framework capable of developing a map of the aorta with respect to cross-

sectional-area change, volumetric flow rate, pulse wave velocity and compliance 

throughout both the spatial and temporal domain. Novel contributions include: (i) 

implementation of a dual-VENC composite dataset approach to imaging the entire 

aorta, which ensures accuracy in both area and flow quantification throughout the 

unsteady velocity profile of the cardiac cycle, providing an alternative approach to 

phase unwrapping; (ii) quantification of local PWV along the entire aorta, and 

demonstration that PWV increases with increasing distance from the heart; (iii) 

quantification of local compliance throughout the cardiac cycle, and demonstration 

that aortic compliance is characterised by a bi-linear relationship, with significantly 

higher compliance values at low pressures. 

To the author’s knowledge, this study presents the most comprehensive dataset of 

patient-specific aortic measurements to date, highlighting several key points that have 

the potential to guide clinical practice and aortic device design. The motivation for the 

work stems from the scarcity of data published on the regional variance of 

biomechanical properties of the aorta and the persistence of post-operative cardiac 

complications following TEVAR. 

5.4.1 Spatial Deformation 

We examine the deformation of the human aorta during the entire cardiac cycle at 10 

planes, ranging from the sinus of Valsalva to immediately proximal to the common 

iliac bifurcation. The high levels of cross-sectional-area change, ∆�̂� during a cardiac 

cycle, ranging from 15% in the abdominal aorta to 65% in the ascending aorta, 

highlight the extremely large deformations of the aortic wall. Accurate 

characterisation of such large deformations requires detailed imaging of the entire 

aorta throughout the entire cardiac cycle. While the observed trend that dilation 

reduces with distance from the heart is in broad agreement with previous non-invasive 
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imaging studies by Mohiaddin et al., (1989) and Saouti et al., (2012), the current study 

provides further insights by measuring dilation on a large number of planes spanning 

the entire aorta.  A number of ex-vivo studies also suggest that compliance decreases 

with distance from the heart (Moriwaki et al., 2011b; Krüger et al., 2016). A study by 

Tsamis and Vorp (2013) reports that the ascending thoracic aorta contains 80 elastin 

lamellar units while the infra-renal abdominal aorta contains 32. The decrease in 

elastin and increase in collagen observed in Chapter 4 of this thesis (in addition to the 

tapering of the aorta and the spatially dependent strain at which collagen fibers become 

taught (Zeinali-Davarani et al., 2015)) provides a microstructural explanation for the 

decrease in compliance observed here with distance from the heart. Moreover, Tsamis 

and Vorp (2013) also report a 50% decrease in elastin units between the descending 

thoracic and supra-celiac aorta, possibly providing an explanation for locally varying 

cross-sectional-area change observed in the current study. A review paper by Sherif 

(2014) reports that the aorta, from a developmental point of view,  is not a 

homogeneous structure nor one contiguous anatomical entity. Rather, it is suggested 

that the vessel can be split into discrete segments, each of which develops and 

differentiates under a distinct set of genetic and transcriptional factors. It is 

hypothesized that the regional differences in biomechanical behaviour may be due to 

the development of the ascending thoracic from neural crest cells and descending 

thoracic aorta from the mesoderm. With distinct connections or “weld points” between 

such segments, this may be the cause for local differences in cross-sectional-area 

change and PWV measured between adjacent planes in the current study. 

5.4.2 Spatial Haemodynamics 

A notable outcome of this study is the spatial variance in PWV along the aorta. Results 

show that the PWV increases with increasing distance from the heart. This finding is 

reinforced using the TTP method, uncovering a 28% increase in PWV between the 

thoracic and abdominal aorta (6.4 m/s versus 8.2 m/s). Generally, PWV is defined in 

the literature as a single value for the aorta (Wilson et al., 1998; Blacher et al., 1999; 

McEniery et al., 2005; Ben-Shlomo et al., 2014; McDonnell et al., 2017). The 

assumption of a uniform single valued PVW is primarily due to the method of clinical 

measurement, where the pressure pulse between two distinct sites, most commonly 

the carotid and femoral arteries (cfPWV) is recorded. The Reference Values for 

Arterial Stiffness’ Collaboration (2010), report a mean PWV value of 6.2 m/s for a 

cohort of 1455 normal subjects < 30 year of age. However, the pathway over which 

cfPWV is defined does not include the highly compliant ascending aorta. The 

utilization of MRI techniques to quantify aortic PWV has the ability to quantify 

changes at a local level, producing an accurate patient-specific spatial map of PVW.  

A study by Quinaglia et al. (2018) reported PWV readings targeted to the ascending 

aorta and found velocities of between 4 and 5.8 m/s, while Boardman et al. (2017) 

investigated the brachio-femoral pathway in 152 young adults and found mean PWV 

values of 8.7 m/s.  Such measurements are comparable with the data presented in the 

current study for the thoracic and abdominal aorta respectively. 
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5.4.3 Spatial and Temporal Compliance 

Compliance is generally presented as a single value, by taking the difference in area 

between diastole and systole and dividing this by patient’s change in blood pressure. 

Aortic tissue is not a simple linear elastic material. Rather it exhibits a significant 

increase in stiffness when it is stretched to a high level of deformation (Nolan and 

McGarry, 2016). Such mechanical behaviour occurs due to the structural contribution 

of collagen fibres. At low arterial strains collagen fibres are wavy, and an incremental 

increase in applied force will result in a significant increase in the length of the fibre, 

i.e. the fibre exhibits a low structural stiffness at low levels of deformation. A further 

incremental increase in force applied to a straightened collagen fibre will not result in 

a large increase in the length of the fibre. This is because the straightening of the fibre 

at high levels of deformation results in an increase of the structural stiffness 

(Holzapfel, Gasser and Ogden, 2000). 

The structural contribution of collagen results in the well-established non-linear stress-

strain relationship for arterial tissue, whereby the material exhibits low stiffness at low 

strains and high stiffness at high strains. The transition from the low stiffness regime 

to the high stiffness regime is commonly modelled using exponential strain stiffening 

material laws (Holzapfel, Gasser and Ogden, 2000; Nolan et al., 2014). To date such 

models have been motivated and calibrated using in-vitro tests of excised arterial 

tissue. Our study provides evidence, for the first time, that significant strain stiffening 

of the aorta occurs in-vivo over the deformation range of a cardiac cycle. Our results 

suggest that clinical compliance (defined as a change in lumen area with respect to a 

change in pressure) should not be characterised by a single value. Rather, a high 

compliance regime is observed for low pressures during diastole, followed by a 

transition to a low compliance regime for high pressures during systole. This in-vivo 

observation is consistent with strain stiffening observed in in-vitro testing, and it calls 

into question the accuracy of the common assumption that in-vivo lumen area 

increases linearly with lumen pressure during a cardiac cycle (inherent in the 

description of compliance by a single coefficient, e.g. Lehmann et al. 1998; Bogren et 

al. 1989; Mitéran et al. 2018; van Herwaarden et al. 2006; Ioannou et al. 2009; 

Lalande et al. 2008; Vyas et al. 2007). Furthermore, our study quantifies the values of 

high and low compliance during a cardiac cycle, and demonstrates that these values, 

and the associated transition pressures, are spatially heterogeneous. Such detailed 

insights into vessel compliance are critical for development of an enhanced 

understanding of the relationship between pressure, blood flow, and PWV in the aorta, 

and will potentially lead to improved interventional procedures and device designs. 

5.4.4 Limitations  

A number of limitations should be noted for the current study, providing motivation 

for follow-on studies. The purpose of this study was to develop a dual-VENC imaging 

protocol to generate high resolution subject-specific data on heterogeneous non-linear 

aortic compliance and pulse wave velocity in a clinically feasible timeframe. While 

the data generated in the current study is limited to a single subject, the demonstration 
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of this capability of our methodology provides a platform for extensive high-resolution 

characterisation of aortic biomechanics for populations of healthy and diseased 

subjects. It should be noted that increased temporal resolution, spatial resolution, 

coverage and signal to noise ratio all incur the cost of higher scan time and gradient 

coil capabilities in every MRI system. Hence, in order to maintain clinical feasibility 

temporal resolution was sacrificed in this study. In the ideal situation each phase would 

span a segment shorter than 50 ms, which may lead to greater accuracy in the 

quantification of area, flow and hence PWV, and so, more work may be justified in 

this area to see if any further optimization of parameters is possible for imaging the 

aorta in its entirety, while maintaining a short scan time. 

In terms of determining aortic compliance, a challenge remains to accurately measure 

a continuous location-specific blood pressure waveform throughout the aorta without 

resorting to an invasive catheterization procedure. In the absence of a clearly defined 

best strategy to compute a continuous pressure waveform noninvasively (Dyverfeldt 

et al., 2015; Adji and O’Rourke, 2017), we implemented three separate waveform 

generation methods, namely; ‘Uniform’, ‘Unsteady Bernoulli’ and ‘Piecewise’. In any 

case, the current study demonstrates that the bi-linearity of the measured compliance 

is not strongly affected by the method of approximating the lumen pressure waveform. 

5.4.5 Implications 

The results of this study have a number of potential implications for the fields of aortic 

biomechanics and cardiovascular surgery. The study presents a protocol that can 

provide accurate spatial and temporal measurements of compliance and PWV in the 

aorta. This may provide an incremental step in understanding why cardiac events occur 

post-TEVAR, through a better understanding of the relationship between PWV, aortic 

stiffness and cardiac function. Stenting may have a spatially varying effect on the 

biomechanics of the aorta by inducing a cascade analogous to “accelerated 

arteriosclerosis” on the system. This in turn effects cardiac function, as documented 

elsewhere for arteriosclerosis developed during the ageing process (Tsamis and Vorp 

2013; Kohn and Reinhart-King 2015; Wohlfahrt et al. 2015). During EVAR however, 

a significant reduction in compliance may occur instantaneously due to stent 

deployment, in contrast to arteriosclerosis, where compliance gradually reduces over 

a period of decades. The current study shows that aortic compliance cannot be 

captured by a single value, and that the vessel is significantly less compliant in systole 

than diastole. Incorporating such detailed information into the design of EVAR 

devices with the aim of replicating the natural non-linear compliance of the vessel may 

reduce the prevalence of the aforementioned complications. 

 

 

 



Chapter 5 

118 
 

5.5 Conclusions 

A dual-VENC 4D Flow MRI protocol is developed and implemented in a commercial 

scanner for characterising the biomechanics of the entire human aorta. A composite 

dataset approach is employed to maximally attenuate fluid contrast throughout the 

unsteady velocity profile of the cardiac cycle, providing an alternative method to phase 

unwrapping techniques. Pulse wave velocity increases from proximal to distal aorta, 

while cross-sectional-area change, volumetric flow rate and compliance all reduce 

with distance from the heart. Finally, compliance is shown to alter significantly during 

the cardiac cycle, with significantly higher compliance being observed during periods 

of low blood pressure. 
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CHAPTER 6 

 
CHARACTERIZATION OF THE IN-VIVO 

BIOMECHANICS OF THE HUMAN AORTA 

 

Abstract  

This chapter develops a novel subject-specific finite element modelling approach 

based on the dual-VENC 4D Flow MRI measurements presented in Chapter 5. 

Simulations reveal that internal vessel contractility, due to pre-stretched elastin fibres 

and actively generated smooth muscle stress, must be incorporated into the artery 

constitutive law, along with collagen strain stiffening, in order to accurately predict 

the non-linear pressure-area relationship uncovered by our MRI investigation. 

Modelling of elastin and smooth muscle contractility allows for the identification of 

the reference vessel configuration at zero-lumen pressure, in addition to accurately 

predicting high- and low-compliance regimes under a physiological range of 

pressures. This modelling approach is also shown to capture the key features of elastin 

and SMC knockout experiments. A subject-specific FE model is generated directly 

from the MRI data presented in Chapter 5, and the volume fractions of the constituent 

components of the aortic material model (i.e. non-linear elastic collagen, pre-stretched 

elastin, and contractile smooth muscle cells) were computed so that the in-silico 

pressure-area curves accurately predict the corresponding MRI data at each location. 

This leads to the prediction that collagen and smooth muscle volume fractions increase 

distally, while elastin volume fraction decreases distally. This finding is supported by 

the histological analyses presented in Chapter 4. Furthermore, the strain at which 

collagen transitions from low to high stiffness is lower in the abdominal aorta, again 

supporting the histological finding that collagen waviness is lower in this distally.  The 

analyses presented in this chapter provides new insights into the heterogeneous 

structure-function relationship that underlies aortic biomechanics. This novel subject-

specific MRI/FEA methodology provides a foundation for personalised in-silico 

clinical analysis and tailored aortic device development. 
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6.1 Introduction 

Regional heterogeneity in the biomechanics of the aorta is a key feature that ensures 

optimal function of the cardiovascular system. In general, a high level of elastic 

compliance is required in the proximal aorta, so that the kinetic energy expelled during 

systole can be stored as elastic strain energy in the vessel, leading to subsequent 

augmentation of pressure pulse propagation during diastole due to elastic recoil of the 

wall. The distal aorta, however, takes an alternative approach to blood transfer with a 

higher smooth muscle cell (SMC) content and a reduced requirement for elastin.  

A significant body of literature exists on the experimental testing of aortic tissue, in 

particular material characterization through uniaxial and biaxial tensile tests (Vande 

Geest, & Vorp, 2006; Matsumoto et al., 2009; Forsell & Gasser, 2013; Gundiah & 

Pruitt, 2013; Reeps et al., 2013; Weisbecker et al., 2013; Pierce et al., 2015; Teng et 

al., 2015; Laksari et al., 2016). Due to both the ethical and logistical constraints 

surrounding the destructive testing of human tissue, animal data exceeds that of 

humans in the literature. The majority of material characterization of the human aorta 

is performed on surgically excised samples, for example during the open surgical 

repair of an abdominal or thoracic aortic aneurysm (Vande Geest & Vorp, 2006; 

Choudhury et al., 2009; Iliopoulos et al., 2009; Pasta et al., 2015; Sassani & Sokolis, 

2015). The tissue obtained is in this case however, is (i) too localised to capture the 

spatially varying biomechanics of the aorta, and (ii) diseased. An alternative approach 

exists in the testing of aortic tissue post-autopsy; however, further ethical and logistical 

difficulties exist here, and as such, few studies with this design exist in the literature 

(Mohan and Melvin, 1982; Vande Geest & Vorp, 2004; Raghavan et al., 2011). The 

limitation of this approach is that the tissue is dead, raising concerns about the 

applicability of such results which ultimately cannot be compared to unknown ‘live’ 

tissue properties. 

In characterizing the mechanical properties of the aorta experimentally, particular 

focus has been directed towards the effects of ageing. Hallock and Benson, (1937) 

found that young aortic tissue exhibits a high degree of extensibility through a bi-

concave s-shaped pressure-volume relationship, while in older tissue the total increase 

in volume is lower and at high pressures the slope of the pressure-volume relationship 

tends towards a straight horizontal line. Additionally, Vande Geest, & Vorp, (2004) 

found that an older cohort exhibited a much stiffer exponential shaped stress-strain 

response compared to the younger cohort, with such a notable difference that different 

forms of strain energy functions were used for younger and older cohorts (polynomial 

and exponential forms, respectively). Investigation of aortic heterogeneity has 

typically relied on ex-vivo testing of excised porcine/canine tissue (Moriwaki et al., 

2011; Krüger et al., 2016). A biomechanical study of excised canine aortae by Tanaka 

and Fung, (1974), reports that proximal samples exhibit a higher compliance than 

distal samples. A study on the equibiaxial tension behaviour of human aortic samples 

following autopsy by Haskett et al., (2010) report that the overall compliance 

decreases with distance from the heart in a cohort less than 30 years of age.  
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Investigation of the volume fractions of individual wall constituents can provide 

insight into the local behaviour of the arterial tissue (He & Roach, 1994; Laksari et 

al., 2016). Harkness et al., (1957) report that the volume fraction of elastin is 

approximately twice as high as that of collagen in intrathoracic canine aorta. In all 

other arteries the volume fraction of collagen was found to exceed that of elastin. Saey 

et al., (2015) report a greater concentration of collagen in the distal thoracic equine 

aorta than in proximal sections. Davidson et al. (1985) report lower concentrations of 

elastin fibres in the abdominal regions of porcine aorta than in thoracic regions. 

Recently, Concannon et al., (2019) found that elastin volume fraction decreases, and 

collagen increases with distance from the heart in the human aorta. 

Despite extensive in-vitro mechanical testing and histological analysis of excised 

tissue, few studies to date have attempted to characterise the in-vivo biomechanical 

behaviour of the aorta using non-invasive methodologies. Previous in-vivo MRI 

analyses of the human aorta have focused on limited isolated segments, such as the 

thoracic (Mohiaddin et al., 1989) or abdominal aorta (Länne et al., 1992). Such a focus 

on a single region does not provide insight into the significant spatial variation in aortic 

biomechanical behaviour. This limitation is addressed in Chapter 5, whereby a dual-

VENC 4D Flow MRI sequence is developed and implemented in a commercial 

scanner, providing high resolution measurements of aortic deformation at all locations 

throughout the entire cardiac cycle. 

This chapter develops a subject-specific MRI/FEA framework to uncover the 

biomechanisms underlying the spatially varying non-linear aortic compliance 

measured in-vivo in Chapter 5. A constitutive law is developed to incorporate the 

biomechanical contributions of pre-stretched elastin, contractile SMCs, and strain 

stiffening collagen. Firstly, the role of pre-stretched elastin is investigated. In 

particular, analyses are performed to identify an equilibrium vessel configuration at 

zero applied lumen pressure, which is observed to be critical step required in order to 

predict the key features of the pressure-area relationship observed in-vivo. The role of 

elastin pre-stretch on the lumen pressure at which the aorta transitions from a high 

compliance to a low compliance regime due to collagen strain stiffening, is also 

investigated. A subject-specific FE model is generated directly from the MRI data 

presented in Chapter 5 and the in-vivo pressure-area curves are fit using the 

constitutive law. Finally, the volume fractions of the constituent components of the 

aortic wall (elastin, collagen and SMCs) are computed throughout the subject-specific 

aortic FE model and excellent agreement is found with the histological analyses 

presented in Chapter 4. 
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6.2 Methodology 

In this chapter, the biomechanical properties of the entire human aorta are 

characterized in-vivo, using an MRI/FEA framework. A novel anisotropic hyperelastic 

constitutive law is presented, that accounts for the individual contributions of elastin, 

collagen and SMCs within the arterial wall, while making use of a constrained 

mixture-based approach. Additionally, a framework for generating subject-specific FE 

models directly from MRI/CT scans is presented. The pressure-area relationship 

(derived in Chapter 5) throughout the entire cardiac cycle is captured at 10 planes from 

the proximal ascending to distal abdominal aorta using the novel constitutive law. 

6.2.1 Novel Constitutive Law 

In this section we outline the key equations that describe of the stress response of the 

material to deformation. The constitutive model is decomposed into isotropic and 

anisotropic parts; the isotropic portion is used to model the arterial groundmatrix, 

while the anisotropic part is further divided into separate stress components that 

describe elastin, collagen and SMCs. Additionally, we model the aortic wall as 

compressible (D. R. Nolan and McGarry, 2016). 

We employ a rule of mixtures approach where each component of the wall undergoes 

the same strain, but the stresses are additive, and the sum of constituent densities (𝑉𝛼
𝑓
) 

equals unity, which yields 

𝝈 = 𝝈col + 𝝈ela + 𝝈smc + 𝝈mat (6.01) 

∑ 𝑉𝛼
𝑓

= 1 
(6.02) 

We employ a bilinear strain energy function to capture the strain stiffening behaviour 

of fibrillar collagen under tension 

𝝈col = 𝑉𝑐𝑜𝑙
𝑓

∗ {      

                       0                                      → 0 > 휀
               (𝑘1휀) ∗ (𝒂𝑐𝑜𝑙 ⊗ 𝒂𝑐𝑜𝑙)                  → 0 < 휀 < 휀𝑡

  (𝑘1휀 + 𝑘2(휀 − 휀𝑡)) ∗ (𝒂𝑐𝑜𝑙 ⊗ 𝒂𝑐𝑜𝑙)      → 0 < 휀 > 휀𝑡

 

(6.03) 

where the strain, 휀 = (√𝐼4𝑐 − 1),  𝑉𝑐𝑜𝑙
𝑓

 is the volume fraction of collagen in the wall, 

𝑘1 is the initial stiffness of collagen, 𝑘2 is the secondary stiffness of collagen, 휀𝑡 is the 

transition strain and 𝒂𝑐𝑜𝑙 denotes the direction of collagen fibres in the reference 

configuration with respect to the circumferential axis of the artery.  

Elastin fibres may also contribute to the anisotropy of the vessel with a mean 

directionality defined by 𝒂𝑒𝑙𝑎. The elastin fibres also exhibit a constant pre-stretch and 

stiffness and to allow contraction of the vessel such that the stress is 

𝝈𝑒𝑙𝑎 = 𝑉𝑒𝑙𝑎
𝑓

∗ ((√𝐼4𝑒 − 1 + 𝜆𝑒) ∗ 𝑘𝑒) ∗ (𝒂𝑒𝑙𝑎 ⊗ 𝒂𝑒𝑙𝑎). (6.4) 
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The model parameter 𝜆𝑒 is the pre-stretch of the elastin component in the initial 

undeformed configuration. 𝑉𝑒𝑙𝑎
𝑓

 is the volume fraction of elastin in the wall, and 𝑘𝑒 is 

the stiffness of elastin. 

We also incorporate the active component of the wall as represented by 𝜎𝑠𝑚𝑐. The 

contractile stress generated by a single SMC (𝜎𝑎𝑐𝑡) is held constant at 25kPa (McGarry 

et al., 2009). SMCs also contribute to the anisotropy of the vessel through 𝒂𝑠𝑚𝑐 

𝝈𝑠𝑚𝑐 = 𝑉𝑠𝑚𝑐
𝑓

∗ (𝜎𝑎𝑐𝑡 ∗ (𝒂𝑠𝑚𝑐 ⊗ 𝒂𝑠𝑚𝑐)) (6.5) 

where 𝑉𝑠𝑚𝑐
𝑓

 is the volume fraction of SMCs in the wall, 𝜎𝑎𝑐𝑡 is the active stress of an 

individual SMC and 𝒂𝑠𝑚𝑐 denotes the direction of SMCs in the reference 

configuration. 

Finally, the stress in the isotropic groundmatrix can be defined as 

𝝈𝑚𝑎𝑡 = 𝑉𝑚𝑎𝑡
𝑓

∗ (
𝜇0

𝐽
2
3

(�̅� −
1

3
𝐼1̅𝐈) +

2𝐽

𝐷1

(𝐽 − 1)) 

(6.6) 

Where 𝑉𝑚𝑎𝑡
𝑓

 is the volume fraction of matrix in the wall, 𝜇0 is the shear modulus and 

𝐷1 is related to the bulk modulus of the groundmatrix. 

6.2.2 Experimental/clinical motivation for constitutive model 

The following three experimental/clinical observations are used to motivate the 

bespoke arterial constitutive law presented in the previous section: 

As illustrated in the schematic in Figure 6.1, our MRI measurements presented in 

Chapter 5 reveal a bi-linear pressure-area curve in the physiological pressure range 

(PPR), with a high compliance regime (HCR) transitioning to a low compliance 

regime (LCR) at an identifiable transition pressure and area (Pt, At).   
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Figure 6.1: Schematic of modelling framework for simulation of in-vivo aorta behaviour. 1. A 

reference stress-free configuration is constructed with an area 𝑨𝒓. 2. An equilibrium zero-

pressure configuration is computed, whereby the cross-sectional area of the vessel reduces to 𝑨𝒆, 

such that the internal tensile circumferential stress due to elastin pre-stretch and SMC 

contractility is in equilibrium with the compressive circumferential stress generated in the 

matrix. 3.) The lumen pressure is increased from zero up to the end systolic value (117 mmHg). 

The pressure increases through a sub-physiological pressure regime (SPPR). At the start-diastolic 

pressure, 𝑷𝒅, (73 mmHg) the computed lumen area is denoted 𝑨𝒅. The pressure is then increased 

through the physiological pressure range (PPR) up to the end-systolic value, 𝑷𝒔 (117 mmHg), at 

which point the computed area is denoted 𝑨𝒔.  As illustrated in the pressure-area curve above, 

based on the MRI measurements of Chapter 5, the PPR is characterised by a high compliance 

regime (HCR) up to a transition pressure, 𝑷𝒕, followed by a low compliance regime (LCR) up to 

the end of systole.  

 

Furthermore, a study by Swanson and Clark, (1974) reveals that the aortic lumen area 

at zero pressure (Ar) is ~30% lower than the end-diastolic lumen area (Ad). A 

computational model must predict the deformation from the zero-pressure aortic 

configuration (Ar) up to the maximum systolic pressure configuration (As), including 

the transition from HCR to LCR in the PPR.  To consider the ability of purely elastic 

models to capture such behaviour, we simulate the expansion of an idealised 

cylindrical artery with undeformed lumen area Ar with the lumen pressure increasing 

from zero to 120 mmHg. Firstly, we consider a standard Yeoh hyperelastic model. As 

shown in Figure 6.2(a) a good fit for the expected pressure-area curve is obtained. 

However, the required sigmoidal shape of the associated stress-strain curve (Figure 

6.2(b)) is not representative of the expected bi-linear strain stiffening that has been 

widely reported for the aorta. In Figure 6.2(c) we consider the behaviour of our bi-

linear collagen and Neo-Hookean matrix model (equations 6.03 and 6.06) without the 

inclusion of elastin or SMCs. A reasonable fit is achieved for the pressure-area curve 

only if an extremely high transition strain (휀𝑡 > 60%) is specified for the collagen 

model. As shown in Figure 6.2(d), this requires the specification of a stress-strain 

relationship that is not representative of the aorta. In summary, Figures 6.2(a-d) 

demonstrate that non-contractile elastic models can only predict the pressure-area 

behaviour of the aorta if an incorrect stress-strain relationship is used. We next 
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consider aortic contractility through the addition of pre-stretched elastin to the model 

(equation 6.04). In this case, we choose a starting reference lumen area 𝐴𝑟 =

485 mm2. A preliminary analysis step is implemented in which the artery contracts 

until the tensile stress of the pre-stretched elastin is in equilibrium with the 

compressive stress of the groundmatrix (collagen fibres shorten in such a deformation 

and therefore do not contribute to the stress state at this point of the analysis). Elastin 

and matrix properties (𝜆𝑒, 𝑘𝑒 and 𝜇) are chosen so that this equilibrium lumen area is 

close to the expected zero-pressure area (𝐴𝑒 ≈ 𝐴0). Next, starting from this 

equilibrium configuration (𝐴𝑒), the lumen pressure is then increased from zero to 120 

mmHg and the resultant pressure-area curve is computed (Figure 6.2(e)). This model 

provides an accurate representation of clinical/experimental pressure-area data while 

the corresponding stress-strain behaviour is in the experimentally reported range. The 

contractility due to the elastin results in a collagen induced stiffness increase at a 

nominal strain of ~0.4, as reported in the literature. Finally, inclusion of the SMC 

contribution (equation 6.05) adds further internal contractility. Again, an accurate 

representation of the pressure-area curve is achieved (Figure 6.2(g)) while the 

corresponding stress-strain curve is within the expected experimental range (Figure 

6.2(h)). 
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Figure 6.2: Assessment of modelling strategies to simulate the bi-linear pressure-area curve 

measured in the PPR in-vivo using dual-VENC 4D Flow MRI framework (Chapter 5). (a) Internal 

contractility is ignored, and the vessel is simply inflated from the reference stress free 

configuration (𝑨𝒓). A sigmoidal shaped bi-concave Yeoh hyperelastic material model can be used 

to fit the pressure-area curve. However, as shown in (b), the tensile stress-strain relationship of 

this model does not resemble reported experimental data for arterial tissue (dashed=(Kochova et 

al., 2008); dotted=(Khanafer et al.,, 2013); dashed/dotted=(Azadani et al., 2013)). (c) shows the 

pressure-area curve computed using the bi-linear collagen (equation 6.3) and Neo-Hookean 

matrix (equation 6.6) components of the proposed model without the inclusion of internal 

contractility due to elastin or smooth muscle. A reasonable fit can be achieved for the pressure-

area curve. However, as shown in (d), an extremely high transition strain (𝜺𝒕 > 60%) must be 

specified for the collagen model, and as such, the corresponding stress-strain relationship is not 

representative of reported experimental data. (e) Internal contractility is next implemented by 

addition of elastin pre-stretch (equation 6.4) to the model. A reasonable prediction for the 

pressure-area curve is obtained, and, as shown in (f), the corresponding tensile stress-strain 

relationship is now within the experimentally reported range. (g & h) show that similarly accurate 

and physiologically relevant predictions can also be achieved by the further addition of SMC 

contractility (equation 6.5) to the model. 

 

Further evidence of the importance of the elastin pre-stretch component of our model 

is provided by the recent experiments of Gabriela-Espinosa et al., (2018) (Figure 

6.3(a)) whereby pressure-diameter curves for excised rat arteries are measured. The 

contribution of elastin is then removed by treatment with elastase, which results in an 

increase in the zero-pressure diameter from 379µm to 473µm, and an increase in 

compliance across the range of applied lumen pressures. Others have also observed 
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this phenomenon in both canine (Dobrin & Gley, 1984), and murine arteries (Faury et 

al., 2003; Bellini et al., 2017). As shown in Figure 6.3(b), our computational model 

accurately predicts the experimentally observed alteration in the pressure-diameter 

curve upon the removal of the pre-stretched elastin contribution from the model. This 

demonstrates that the proposed mechanism of elastin generated internal tension, and 

its relative contribution to observed non-linear arterial compliance, is physiologically 

appropriate. Regarding the influence of SMC contractility on aortic biomechanics, 

Figure 6.3(c) reproduces the results of an experimental study performed on canine 

aortae by Barra et al., (1993). The measured circumferential stress-strain relationship 

for untreated excised tissue is compared to the stress-strain relationship following 

SMC activation by phenylephrine. SMC activation results in a ~25-40% increase in 

stress over the applied strain range. Similar trends have also been reported for middle 

cerebral arteries of rats (Coulson et al., 2004). As shown in Figure 6.3(d), our model 

replicates the experimentally observed contribution of SMC active contractility and 

suggests that the value of 𝜎𝑎𝑐𝑡 in the range from 25-50 kPa (McGarry et al., 2009) is 

physiologically appropriate for aortic tissue. 

 

Figure 6.3: (a) Experimental data reported by Gabriela-Espinosa et al., (2018) are reproduced, 

demonstrating that the digestion of elastin from excised aortae (using elastase treatment) leads to 

an increase in the observed diameter at zero pressure. Subsequent increases in lumen pressure 

demonstrate a significant difference between the pressure-area curve between untreated aortae 

and elastase treated aortae. (b) Computational prediction of the experimental data of Gabriela-

Espinosa et al. (2018) using our novel constitutive law (equations 6.1-6.6). Here we simulate 

elastase treatment by removing the contribution of the pre-stretched elastin (equation 6.4). (c) 

Experimental data reported by Barra et al., (1993) are reproduced, demonstrating that activation 

of SMCs in excised aortae (using phenylephrine) leads to a ~25-40% increase in stress over the 

applied strain range. (d) Computational prediction of the experimental data of Barra et al. (1993) 

using our novel constitutive law (equations 6.1-6.6). An active SMC stress of 𝝈𝒂𝒄𝒕=25-50 kPa 

provides a reasonably accurate prediction of the experimental data.  
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6.2.3 Model Parameter Sensitivity Study 

As outlined in the previous section, our model is physically based, with each 

component motivated by physiological observations of artery pressure-area and stress-

strain curves. This allows for a physiologically based calibration of the model, rather 

than a black-box fitting of model parameters. For example, the increased collagen 

stiffness parameter (𝑘2) is determined through observation of the LCR region of the 

pressure-area curve (see Figure 6.1), whereas the equilibrium zero-pressure lumen 

area, 𝐴𝑒 is governed by the values of elastin stiffness (𝑘𝑒) and pre-stretch (𝜆𝑒) relative 

to the value of the matrix stiffness (𝜇). Notwithstanding the physiological 

interpretation of each model parameter, it is useful to consider the sensitivity of the 

artery pressure-area curve to each parameter, as presented in Figure 6.4. In terms of 

collagen parameters, 𝑘1 and 𝑘2 influence the HCR and LCR region, respectively, as 

expected, while 휀𝑡 strongly influences the transition pressure from HCR to LCR. 

Collagen parameters do not influence the behaviour in the sub-physiological pressure 

range (SPPR), as in its highly wavy shortened state the mechanical contribution of 

collagen is assumed to be negligible (Holzapfel, Gasser and Ogden, 2000). The elastin 

parameters, 𝑘𝑒 and 𝜆𝑒, and the matrix stiffness, 𝜇, influence the pressure-area curve in 

the SPPR and in the HCR (with the collagen contribution dominating the slope of the 

pressure-area curve in the LCR). 𝜆𝑒 and 𝜇 strongly influences the zero-pressure 

equilibrium area 𝐴𝑒. The bulk modulus of the matrix is assumed to be slightly 

compressible (D. R. Nolan and McGarry, 2016) and does not strongly influence the 

pressure-area curve. Finally. as expected, an increase in SMC contractility (𝜎𝑎𝑐𝑡) 

results in a reduction in the zero-pressure equilibrium area 𝐴𝑒 and an increase in the 

transition area 𝑃𝑡. 
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Figure 6.4: Parametric study to investigate the sensitivity of the computed pressure-area curve to 

model parameters. Unless otherwise indicated, the following baseline parameter values are used: 

(Collagen component) 𝑘1 = 0.01 MPa, 𝑘2 = 0.8 MPa, 휀𝑡 = 0.37; (Elastin component) 𝑘𝑒 = 0.12 MPa, 

𝜆𝑒 = 0.4; (Matrix component) 𝜇=0.01 MPa, 𝜅 = 0.08 MPa; (SMC component) 𝜎𝑎𝑐𝑡  = 0 kPa .  

 

 

 



Chapter 6 

138 
 

We dedicate the remainder of this chapter to the analysis of the subject-specific MRI 

dataset uncovered in Chapter 5. In keeping with the physiological motivation and 

interpretation of our model, we assume that fundamental material properties that 

describe collagen (𝑘1, 𝑘2) and elastin (𝑘𝑒, 𝜆𝑒) do not change as a function of location 

in the aorta. Rather, we assume that volume fractions of collagen (𝑉𝑐𝑜𝑙
𝑓

), elastin (𝑉𝑒𝑙𝑎
𝑓

), 

smooth muscle (𝑉𝑠𝑚𝑐
𝑓

) and matrix (𝑉𝑚𝑎𝑡
𝑓

) may spatially vary (Harkness & McDonald, 

1957; Davidson et al., 1985; Concannon et al., 2019). Therefore, the subject-specific 

model is primarily calibrated by altering 𝑉𝑐𝑜𝑙
𝑓

, 𝑉𝑒𝑙𝑎
𝑓

 and 𝑉𝑠𝑚𝑐
𝑓

.  

In Figure 6.5 we illustrate the sensitivity of the pressure-area curve to changes in artery 

composition. As expected, an increase in 𝑉𝑐𝑜𝑙
𝑓

 increases the stiffness of the aorta in the 

LCR but does not affect the stiffness in the HCR, as the collagen here is crimped. An 

increase in 𝑉𝑐𝑜𝑙
𝑓

 also results in a decrease in the 𝐴𝑒 through the volume conservation 

relationship described in equation 6.02 (as 𝑉𝑐𝑜𝑙
𝑓

 increases, 𝑉𝑚𝑎𝑡
𝑓

 must decrease and the 

elastin contraction leads to a greater matrix compression. Note: collagen does not 

contribute mechanically in compression). An increase in 𝑉𝑒𝑙𝑎
𝑓

 also results in a decrease 

in 𝐴𝑒, due to a greater volume of contractile elastin compressing within a lesser 

volume of matrix. Increasing 𝑉𝑒𝑙𝑎
𝑓

 alters the stiffness of the aorta in both the SPPR and 

the HCR but has no effect on the stiffness in the LCR as once 휀𝑡 is exceeded the 

secondary collagen stiffness dominates the behaviour of the material. Increasing the 

𝑉𝑠𝑚𝑐
𝑓

 does not influence the stiffness in either the HCR or the LCR, as effectively the 

same material behaviour is achieved as decreasing the matrix stiffness (𝜇), (see Figure 

6.4). As a result, an increase in 𝑉𝑠𝑚𝑐
𝑓

, results in a decrease in 𝐴𝑒, and an increase in Pt. 

In addition to spatial variation in volume fractions of the constituent components, we 

also consider spatial variation in the collagen transition strain (휀𝑡). This assumption is 

based on the reported histological observations that the waviness of collagen in the 

aorta decreases distally (Zeinali-Davarani et al., 2015). The waviness of collagen 

fibers directly effects the strain at which increased stiffness occurs. We also consider 

spatial variations in the stiffness of the matrix based on reported data that the makeup 

of GAGs in the aorta differs proximally versus distally (Humphrey, 2012). 
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Figure 6.5: Parametric study to investigate the sensitivity of computed PA curves to the volume 

fractions of collagen (𝑽𝒄𝒐𝒍
𝒇

), elastin (𝑽𝒆𝒍𝒂
𝒇

), and smooth muscle cells (𝑽𝒔𝒎𝒄
𝒇

). 

 

6.2.4 Construction of Subject-Specific finite element model 

The following section describes the methodology surrounding the generation of a 

subject-specific FE model, directly from the MRI data obtained in Chapter 5 using a 

custom-built MATLAB framework. 

Firstly, the aortic centreline (Figure 6.6(a)) and the lumen boundary points 

corresponding to the diastolic timepoint in the cardiac cycle, for each of the 10 planes 

analysed (Figure 6.6(b)), were used to sweep a surface mesh along the main trunk of 

the aorta. All major branch vessels were added to the main trunk including the 

innominate artery, left common carotid artery, left subclavian artery, coeliac artery, 

superior and inferior mesenteric arteries, left and right renal arteries and left and right 

common iliac arteries, to form the full aortic internal and external surface models 

(Figure 6.6(c)). Cadaveric aortic wall thickness data from Concannon et al., (2019) is 

highlighted as a function of aortic location in Figure 6.6(d), which can be used to 

specify the element specific offset distance from the internal surface elements (green) 

to the external surface elements (red) in Figure 6.6(e). Finally, the transformation of 

both sets of surface elements into 3D continuum elements, yields the final aortic model 

shown in Figure 6.6(f). 
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Figure 6.6: Finite element mesh generation. (a) aortic centreline and (b) plane profiles used for 

sweeping the internal surface mesh, (c) major branching vessels along the aorta (d), spatially 

varying aortic wall thickness, (e) offset of internal surface elements by the wall thickness to 

generate the external surface mesh (red), and (f) hexahedral splitting to generate C3D8 

continuum elements. 

 

6.2.5 Simulation of subject specific aorta biomechanical behaviour 

A discrete fiber orientation based on the aortic centreline and internal lumen surface 

of the aorta was prescribed to ensure the circumferential orientation of each element 

was defined. The pre-stretched elastin is incorporated in the subject-specific FE model 

in the same manner described previously, through an initial contraction step resulting 

in a new equilibrium configuration, in this case for the entire aorta. The subject-

specific diastolic pressure load of 73 mmHg was then applied to the internal lumen 

surface, followed by a tabular pulse pressure wave along the length of the aorta based 

on the measurements outlined in Chapter 5. A linear interpolation of material 

parameters is assumed between each of the 10 calibrated sections. The final simulated 

versus experimental pressure-area curve fits are shown in Figure 6.7.  
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6.3 Results 

Figure 7 shows the computed pressure-area curves at the 10 planes along the length of 

the subject-specific aorta. At each section, the volume fractions of collagen (𝑉𝑐𝑜𝑙
𝑓

), 

elastin (𝑉𝑒𝑙𝑎
𝑓

), and SMCs (𝑉𝑠𝑚𝑐
𝑓

) within the wall, in addition to the isotropic 

groundmatrix shear modulus (𝜇) and the transition strain (εt) are adjusted so that the 

MRI measured data at each section is accurately predicted. Furthermore, at each plane, 

the contraction of the aorta due to the pre-stretch of elastin results in a 31-49% 

reduction from the reference configuration to the new equilibrated configuration, 

accurately reflecting the range reported by the experiments of Gabriela-Espinosa et 

al., (2018), Bellini et al., (2017), and Dobrin et al., (1984). 

 

 

Figure 6.7: Comparison of computed pressure-area curves (SIM) with MRI measurements at 10 

planes along the length of the aorta. Computed data in the SPPR (including the contracted area 

𝐀𝐞 at zero pressure) is shown, in addition to the bi-linear pressure-area predictions in the PPR. 

The model is shown to accurately capture the spatially varying MRI data simply by calibrating 

the spatially varying volume fractions of the constituent phases (𝑽𝒄𝒐𝒍
𝒇

, 𝑽𝒆𝒍𝒂
𝒇

, 𝑽𝒔𝒎𝒄
𝒇

), the transition 

strain of the collagen (reflecting the waviness of the collagen), and the matrix shear modulus 

(reflecting spatially varying GAG content). All other model parameters are uniform throughout 

the aorta. 

 

The time dependence in circumferential tangent stiffness (𝛿𝜎𝑐/ 𝛿휀𝑐) due to the 

pressure wave of a single cardiac cycle is shown in Figure 6.8 and reflects the high 

and low compliance regimes in the pressure-area relationship along the entire aorta. 
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    t = 0 𝒎𝒔              t = 100 𝒎𝒔     t = 200 𝒎𝒔 t = 500 𝒎𝒔 

 

Figure 6.8: Computed effective circumferential tangent stiffness, K (MPa) throughout the aorta 

at four different time-points during the cardiac cycle (t=0 ms, t=100 ms, t=200 ms, and t=500 ms). 

The complex spatial and temporal changes in effective material tangent stiffness are clearly 

illustrated. 

 

Figure 6.9 shows the FE model predictions of elastin volume fraction (𝑉𝑒𝑙𝑎
𝑓

) along the 

length of the aorta. The model predicts that 𝑉𝑒𝑙𝑎
𝑓

 decreases from a maximum value of 

35% at Plane 1 (proximal aorta) to a minimum value of 19% at Plane 10 (distal aorta). 

This finding is strongly supported by the histological data uncovered in Chapter 4 and 

superimposed in Figure 6.9 for comparison.  

 

Figure 6.9: Computed elastin volume fractions (𝑽𝒆𝒍𝒂
𝒇

) as a function of position (anatomical site – 

see Figure 5.5) in the aortic wall (red squares). Corresponding elastin content measured in the 

experimental histology study (Chapter 4, (Concannon et al., 2019)) are superimposed for 

comparison (black circles).  
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Figure 6.10 shows the FE model predictions of collagen volume fraction (𝑉𝑐𝑜𝑙
𝑓

) along 

the length of the aorta. The model predicts that 𝑉𝑐𝑜𝑙
𝑓

 increases from a minimum value 

of 20% at Plane 1 (proximal aorta) to a maximum value of 50% at Plane 10 (distal 

aorta). This finding is strongly supported by the histological data uncovered in Chapter 

4 and superimposed in Figure 6.10 for comparison.  

 

Figure 6.10: Computed collagen volume fractions (𝑽𝒄𝒐𝒍
𝒇

) as a function of position (anatomical site 

– see Figure 5.5) in the aortic wall (red squares). Corresponding collagen content measured in the 

experimental histology study (Chapter 4, (Concannon et al., 2019)) are superimposed for 

comparison (black circles). 

 

The transition strain is plotted as a function of aortic location in Figure 6.11. It is 

observed that in order to fit the regional in-vivo pressure-area curves that the transition 

strain decreases from 0.38 in the proximal ascending aorta to 0.15 in the distal 

abdominal segment. This result is in agreement with the in-vitro work of Zeinali-

Davarani et al., (2015) who found that the degree of collagen undulation observed 

under multi-photon microscopy also decreased between the proximal and distal aorta 

in pigs. The waviness (S) is defined as the direct distance between the end points of a 

fiber (L) divided by the actual length of fiber (l) (i.e. S=1 for a perfectly straight fiber, 

whereas S<1 for a wavy fibre). A statistically significant difference was found in the 

waviness of collagen fibers between the thoracic (S=0.77±0.09) and abdominal 

(S=0.37±0.02) aorta. 
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Figure 6.11: Computed collagen transition strain (𝜺𝒕) as a function of position (anatomical site – 

see Figure 5.5) in the aortic wall (red squares). The parameter 𝜺𝒕 represents the waviness of the 

collagen, with a high transition strain indicating a high level of waviness. Experimental 

histological measurements of collagen waviness (characterised by the waviness factor S) in 

thoracic and abdominal porcine aortas are shown for comparison. The statistically significant 

difference (p < 0.05) between the two experimental groups is also evident in our computational 

results.  

 

Finally, in Figure 6.12 we show the FE model predictions of SMC volume fraction 

(𝑉𝑠𝑚𝑐
𝑓

) along the length of the aorta. The model predicts that 𝑉𝑠𝑚𝑐
𝑓

 increases from a 

minimum value of 20% at Plane 1 (proximal aorta) to a maximum value of 27% at 

Plane 10 (distal aorta). This finding is strongly supported by the histological data 

uncovered in Chapter 4 and superimposed in Figure 6.12 for comparison.  

 

Figure 6.12: Computed SMC volume fractions (𝑽𝒔𝒎𝒄
𝒇

) as a function of position (anatomical site – 

see Figure 5.5) in the aortic wall (red squares). Corresponding SMC content measured in the 

experimental histology study (Chapter 4, (Concannon et al., 2019)) are superimposed for 

comparison (black circles). 
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6.4 Discussion 

This chapter develops a subject-specific MRI/FEA framework to uncover the 

biomechanisms underlying the spatially varying non-linear aortic compliance 

measured in-vivo in Chapter 5.  Several key findings emerge from the work:  

(i) Internal vessel contractility, due to pre-stretched elastin fibres and actively 

generated smooth muscle cell stress, must be incorporated into the arterial constitutive 

law, along with collagen strain stiffening, in order to accurately predict the non-linear 

pressure-area relationship uncovered by our MRI investigation.  

(ii) Modelling of elastin and smooth muscle contractility allows for the identification 

of the reference vessel configuration at zero-lumen pressure. This modelling approach 

is also shown to capture the key features of elastin and SMC knockout experiments. 

(iii) Incorporation of elastin and SMC contractility is critical for the accurate 

prediction of the physiological lumen pressure at which the aorta transitions from a 

high-compliance regime to a low-compliance regime due to collagen strain stiffening.  

(iv) Volume fractions of the constituent components of the aortic material model (i.e. 

non-linear elastic collagen, pre-stretched elastin, and contractile smooth muscle cells) 

were computed throughout the subject-specific aortic FE model so that the in-silico 

pressure-area curves accurately predict the corresponding MRI data at 10 separate 

anatomical locations. This leads to the prediction that collagen and smooth muscle 

volume fractions increase distally, while elastin volume fraction decreases distally. 

This finding is supported by the histological analyses presented in Chapter 4.  

(v) The model parameter that sets the strain at which collagen transitions from low- to 

high-stiffness is computed to be lower in the abdominal aorta. This model prediction 

supports the histological finding that collagen waviness is lower in this region. 

It has been shown that the digestion of elastin significantly increases the zero-pressure 

vessel diameter and alters the pressure-area relationship in arteries over a range of 

applied physiological lumen pressures (Bellini et al., 2017; Gabriela Espinosa et al., 

2018).  The inclusion of a pre-stretched linear elastic elastin component in our model 

accurately replicates the experimental observations of Gabriela Espinosa et al., (2018). 

In our modelling approach the artery configuration at zero-pressure is computed 

whereby the pre-strained elastin reduces the vessel diameter until the elastin tensile 

stress is in equilibrium with the compressive stresses in the groundmatrix. The 

subsequent application of a lumen pressure within the physiological range leads to the 

accurate prediction of the experimentally measured pressure-area curve. Our model 

also includes active contractility of SMCs component. The active SMC stress (𝜎𝑎𝑐𝑡 =

25 𝑘𝑃𝑎) determined by McGarry et al. (2009) for single SMCs seeded on arrays of 

micro-pillars leads to a reasonable prediction of the experimentally observed increase 

in aortic wall stress due to phenylephrine induced SMC contractility (Barra et al., 

1993; Coulson et al., 2004).  Future developments of the SMC component of the model 

should include descriptions of the active contractility of SMCs in the aortic wall could 
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include Hill-type tension-strain rate formulations and kinetic formulations for 

dynamic intra-cellular remodelling of stress fibres (McEvoy et al., (2019), Reynolds 

et al., (2014), Reynolds et al., (2015)).  

The computation of the contracted zero-pressure artery configuration with a lumen 

area that is ~30-50% lower than the undeformed stress-free configuration due to 

elastin pre-strain and SMC active contractility is a key component of our subject-

specific modelling strategy. This approach is physiologically based on experimental 

observations of lumen area change following the digestion of elastin using elastase 

and measured stress changes following SMC activation (Gabriela-Espinosa et al., 

(2018); Bellini et al., (2017); Dobrin et al., (1984); Barra et al., 1993; Coulson et al., 

2004). We demonstrate that the identification of the contracted configuration prior to 

the application of the lumen pressure (up to a physiological loading range) is a critical 

step in order to accurately predict MRI measurements of in-vivo non-linear pressure-

area relationship (presented in Chapter 5). If elastin and SMC contractility are ignored 

and the vessel is merely loaded from a ‘stress-free’ reference state, a non-physiological 

stress-strain relationship (e.g. a bi-concave sigmoidal Yeoh hyperelastic formulation, 

or a non-physiological collagen model that does not strain stiffen until 60% tensile 

strain) must be used for the artery wall. In contrast, if elastin and SMC contractility 

are included, the in-vivo pressure-area relationship is accurately predicted using a 

physiologically realistic stress-strain relationship, with collagen strain stiffening at 30-

35% tensile strain (Kochova et al., 2008; Azadani et al., 2013; Khanafer & Berguer, 

2013). A previous artery modelling strategy by Bols et al., (2013), ignores the key 

contribution of vessel contractility and assumes a polynomial hyperelastic material 

law. An iterative numerical backwards displacement algorithm was used to estimate 

zero-pressure stress-free configuration and lumen pressure was directly applied 

without considering the contracted configuration. A similar approach was 

implemented by Krishnan et al., (2015), with the added simplification of linear elastic 

material behaviour. Indeed it should be noted that the majority of patient-specific 

aortic FE models in the literature incorrectly assume that the observed geometry (from 

MRI or CT imaging) represents a zero-stress state configuration (Martin et al., (2015), 

Martufi et al., (2018), Pasta et al., (2013), Erhart et al., (2014), Finotello et al., (2017), 

Dumenil et al., (2013), Stevens et al., (2017), Burkhardt et al., (2018), and Emerel et 

al., (2019)), despite the significant applied lumen pressure loading of the vessel during 

in-vivo imaging. 

The incorporation of a bi-linear strain-stiffening collagen constitutive law enables 

accurate fitting to both the bi-linear in-vivo pressure-area data, while providing 

physiologically realistic uniaxial tension stress-strain behaviour. Within the SPPR and 

HCR, collagen is crimped, and its mechanical contribution is lower than that of the 

elastin and groundmatrix. This physical interpretation is validated by the experimental 

study of Schriefl et al. (2015) in which the effects of elastase and collagenase on the 

mechanical response of aortic tissue is investigated. Elastin is demonstrated to 

contribute primarily to the effective material stiffness in the low stiffness regime. The 

removal of elastin using elastase is shown to significantly reduce the material stiffness 
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in the low strain regime. However, removal of elastin does not significantly alter the 

tangent modulus in the high strain regime, with pronounced (and similar) strain 

stiffening observed for both treated and untreated samples. However, pronounced 

strain stiffening is still observed following elastin removal, and the tangent modulus 

in the high-stiffness regime at high strains is not strongly influenced by elastin 

removal. Removal of collagen using collagenase does not strongly influence the 

material stiffness in the low strain regime. However, collagen removal dramatically 

alters material behaviour in the high strain regime, with strain stiffening being 

completely eliminated. Our strain stiffening collagen model is supported by reported 

experimental imaging of collagen deformation in arteries under physiological loading 

conditions. Collagen fibres are observed to reach a straightened (uncrimped) 

configuration at an applied lumen pressure of 100mHg (Bloksgaard et al., 2017), and 

at an applied strain of 0.4 (Chow et al., 2014; Mattson & Zhang, 2017). These data 

strongly support the range of values of transition strains (휀𝑡 = 0.18 − 0.35) and 

resultant transition pressures (Pt = 83 − 93mmHg) determined by our MRI/FEA 

framework.  

In order to simulate the spatially varying heterogeneous pressure-area relationships 

uncovered at 10 aortic planes in the in-vivo MRI study in Chapter 5, our modelling 

framework predicts that the volume fraction of collagen increases with distance from 

the heart (from 20% in the most proximal Plane 1 to 50% in the most distal Plane 10). 

We also compute that the volume fraction of elastin decreases with distance from the 

heart (35% proximally to 19% distally), and the SMC volume fraction increases with 

distance from the heart (20% proximally to 27% distally). These computed spatial 

variations in collagen, elastin and SMC are strongly supported by histological data.  In 

Chapter 4 (Concannon et al., 2019) histological analyses of excised cadaveric aorta 

samples reveals that the area fraction of collagen increased from 22 ± 1.6% to 53 ± 

5.1%, elastin decreased from 27 ± 4.7% to 17 ± 3.9%, and SMC density increased 

from 22 ± 2.2% to 27 ± 1.0%. Other studies have also observed that collagen (Saey et 

al., 2015; Zhang et al., 2016a) and SMC concentrations increase distally, while elastin 

concentration decreases distally (Davidson et al., 1985; Zhang et al., 2016b) in horses, 

pigs and monkeys. Our modelling framework also computes that the transition strain 

(휀𝑡) decreases from 0.38 in the proximal aorta to 0.15 in the abdominal aorta. This 

finding is supported by the experimental study of Zeinali-Davarani et al., (2015) who 

report that collagen in the proximal aorta was more crimped than collagen in the distal 

aorta in pigs. Furthermore, the experimental biaxial mechanical test data reported 

Kamenskiy et al., (2014) and Peña et al., (2018) demonstrate that the transition strain 

is lower in samples extracted from the distal aorta compared to samples from the 

proximal aorta.  

Several computational studies have used the simplifying assumption that the aorta 

exhibits a single spatially uniform stiffness (Isnard et al., 1989; Blacher et al., 1999; 

Vyas et al., 2007; Lalande et al., 2008b; Ioannou et al., 2009; Duprey et al., 2010; 

Behkam et al., 2017; Schäfer et al., 2018). Using our novel MRI/FEA framework, we 

highlight the inaccuracy of this assumption, and our constitutive law provides a new 
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insight into the link between spatially varying tissue composition and resultant 

biomechanical function. Furthermore, our framework provides a detailed 

characterisation of a high compliance regime at low physiological lumen pressures 

and a low compliance regime at high physiological pressures within a single cardiac 

cycle. This finding is supported by several ex-vivo studies that demonstrate a non-

linear compliance over the physiological pressure regime in whales (Lillie et al., 

2013), octopus (Shadwick and Gosline, 1985), pigs (Vychytil et al., 2010) and humans 

(Langewouters & Goedhard, 1984; Wang et al., 2006). 

The generation of a framework for building subject-specific FE models directly from 

medical imaging data is of significant value to the field of computational 

biomechanics. Typically, FE meshes are generated through manual segmentation 

techniques in commercially available software packages such as Mimics (Materialise, 

Belgium). Such approaches, however, require significant post-processing time, 

hindering their feasibility as real-time clinical diagnostic tools. Robust alternative 

approaches to in-vivo geometry construction include IVUS and Multislice CT (Gijsen 

et al., 2007, Gijsen et al., 2014) as well as pyFormex software 

(http://www.pyformex.org) (Bols et al., 2013). The custom-built framework 

developed in this study is open source (now freely available on the MATLAB 

GIBBON toolbox) and can serve as an in-silico test-bed for the testing of novel 

synthetic materials and stent designs. 

This study did not consider the effect of non-circumferentially aligned elastin, 

collagen and SMCs. O’Connell et al., (2008) showed in rats that all three primary 

medial constituents (elastic lamina, collagen bundles, and smooth muscle cells) have 

a predominately circumferential orientation. However, collagen fibers have been 

reported to align at +27.75° and -27.19° to the circumferential direction (Schriefl et 

al., 2012b), and in non-symmetric complex distributions which require a von Mises 

mixture model to capture (Concannon et al., (2019)). Elastin fibers have been reported 

to align at -40° (Bostan et al., 2016) and +75° (Yu & Zhang, 2018) to the 

circumferential axis, while SMCs have been reported to align between -50° and -20° 

(Horny et al., 2010) with respect to the circumferential axis. The constitutive law 

implemented in the current study can readily be extended to include non-

circumferential fibre alignments and non-uniform fibre dispersion distributions. The 

bi-linear form used in this study to describe the strain stiffening collagen contribution 

can also readily be extended to include a smooth transition region between the low- 

and high-stiffness regimes. However, the results of the current study demonstrate that 

such an additional feature is not required to simulate the distinctly bi-linear shape of 

the pressure-area curves measured in-vivo using our dual-VENC protocol in Chapter 

5. Future implementations could also consider the simulation of collagen strain 

stiffening using exponential strain stiffening hyperelastic formulations (Holzapfel, 

Gasser and Ogden, (2000), Nolan et al., (2014), Mansouri & Darijani, (2014)). 

Additionally, our study did not consider the effect of anatomical constraints on aortic 

deformation, such as the spinal column or lungs. Such additional features can readily 

be identified from MRI images and incorporated into future model implementations. 

http://www.pyformex.org/
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In summary, this computational investigation provides new insights into the spatially 

varying non-linear compliance of the aorta, uncovering the key role of pre-stretched 

elastin, contractile SMCs and strain stiffening collagen on in vivo biomechanical 

behaviour. We demonstrate that our subject-specific MRI/FEA framework can predict 

the spatial vairiation of collagen, elastin and SMC throughout the aorta and can 

accurately predict the complex spatially varying pressure-area relationship under 

physiological loading. The subject-specific MRI/FEA framework can potentially be 

used to guide preoperative planning of aortic surgery, e.g. endovascular or open 

surgical repair, and aid in the design of next generation patient-specific aortic devices. 
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CHAPTER 7 

 
AN INVESTIGATION OF REPAIR TECHNIQUES ON 

THE BIOMECHANICS OF THE HUMAN AORTA 

 
Abstract 

The effect of repair techniques on the biomechanics of the aorta is poorly understood 

resulting in significant levels of postoperative complications for patients worldwide. 

This study presents a computational analysis of the influence of Nitinol based devices 

on the biomechanical performance of a subject-specific human aorta. Simulations 

reveal that Nitinol stent-grafts stretch the artery wall so that collagen is stretched to a 

straightened high stiffness configuration. The high-compliance regime (HCR) 

associated with low diastolic lumen pressure is eliminated, and the artery operates in 

a low compliance regime (LCR) throughtout the entire cardiac cycle. The slope of the 

lumen pressure-area curve for the LCR post-implantation is almost identical to that of 

the native vessel during systole.  This negligible change from the native systole slope 

occurs because the stent-graft increases its diameter from the crimped configuration 

during deployment so that it reaches a low stiffness unloading plateau. The effective 

radial stiffness of the implant along this unloading plateau is negligible compared to 

the stiffness of the artery wall. Provided the Nitinol device unloads sufficiently during 

deployment to the unloading plateau, the degree of oversizing has a negligible effect 

on the pressure-area response of the vessel, as each device exerts approximately the 

same radial force, the slope of which is negligible compared to the LCR slope of the 

native artery. We show that 10% oversizing based on the observed diastolic diameter 

in the mid descending thoracic aorta results in a complete loss of contact between the 

device and the wall during systole, which could lead to an endoleak and stent 

migration. 20% oversizing reaches the dacron enforced area limit (DEAL) during the 

pulse pressure and results in an effective zero-compliance in the latter portion of 

systole. Finally, we show that open surgical repair (OSR) results in a profound change 
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in both the HCR and LCR slope, where a near zero compliance is observed throughout 

the entire cardiac cycle.  

7.1 Introduction 

Aortic disease is responsible for 47,000 deaths annually in the United States and a 

mortality rate following rupture of over 90% (Zimmerman et al., 2016; Kent, 2014). 

In cases of surgical intervention, the 30 day postoperative mortality rate can be as high 

as 53% for endovascular aortic repair (EVAR) (Hinchliffe et al., 2006) and 48% for 

open surgical repair (OSR) (Greenberg et al., 2008). Several adverse events and 

postoperative complications associated with compliance mismatch have been reported 

in the literature including thrombosis (Abbott et al., 1987), false aneurysm formation 

(Mehigan et al., 1985) and cardiovascular complications that result in death of the 

patient (Nauta et al., 2017). To date, the effect of aortic repair techniques on the 

biomechanical behaviour of the aorta is not well understood. 

In the case of EVAR a stent-graft (Nitinol frame and a polytetrafluoroethylene or 

woven polyester graft) is deployed intravascularly with the aim of (i) reducing of stress 

in an aorta/aneurysm wall, or (ii) preventing further propagation of an aortic dissection 

and removing the false lumen. In the case of OSR the diseased section of the aorta is 

removed and replaced with a synthetic prosthetic vessel. The graft, generally 

fabricated from polyethylene terephthalate or Dacron, comprises of tightly woven or 

knitted fibres with high tensile strength (Sarkar et al., 2006) and is sutured (proximally 

and distally) to the remaining native aortic tissue.  

 

Figure 7.1: Available treatment options for aortic disease. (A, B) Endovascular Aortic Repair 

(EVAR); (C, D) Open Surgical Repair (OSR). (A) shows a schematic of the EVAR procedure 

where a stent-graft is deployed intravascularly to the disease site (Figueroa and Zarins, 2011). (B) 

Postoperative CT scan showing proximal aortic and distal aortic stents (Sultan and Hynes, 2014). 

(C) shows a schematic of the OSR procedure where the healthy aorta proximal and distal to the 

diseased site are clamped, the diseased portion is cut open and a synthetic graft is sutured into 

the native vessels proximally and distally (Figueroa and Zarins, 2011). (D) Perioperative image 

of OSR of infrarenal aorta with Dacron graft (Baila et al., 2016). 

 

Content Removed Due to Copyright 
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It has not been established whether EVAR or OSR is the superior treatment option for 

patients with aortic aneurysm or dissection.  A meta-analysis of 42 non-randomised 

studies evaluating EVAR versus OSR for descending thoracic aortic disease reported 

no significant difference between intervention groups in relation to stroke, 

reintervention and mortality beyond 12 months (Cheng et al., 2010). A multi-centre 

prospective study comparing EVAR to OSR for a cohort of 341 thoracoabdominal 

aortic aneurysm patients and found no statistical difference between groups in relation 

to 30-day mortality or paraplegia (Tshomba et al., 2017). Most recently, a study by 

Salata et al., (2019) reports no statistically significant difference between outcomes 

after EVAR and OSR to repair abdominal aortic aneurysms in long-term mortality 

during more than 13 years of follow-up. 

Experimental flat-plate compression and radial crimping of commercially available 

grafts has been reported by De Bock et al. (2013). Biaxial tension tests of graft 

materials demonstrate that stent-grafts are up to 25 times stiffer than the healthy aorta 

(Tremblay et al., 2009). Pressure inflation tests also reveal that Dacron is significantly 

stiffer circumferentially than native aortic tissue (Ferrari et al., 2019), while Bustos & 

Celentano, (2016) report a circumferential strain of less than 3% for dacron grafts 

subjected to a pressure of 240 mmHg. Singh & Wang, (2015) suggest that current 

commerciallly available stent-grafts act as a rigid non-distensible conduit and fail to 

replicate the natural deformation of the aorta. 

This chapter presents a computational investigation of the effects of EVAR and OSR 

on the biomechanical behaviour of the aorta. The subject-specific MRI/FEA aortic 

model generated in Chapter 6, including elastin pre-strain, SMC contractility and 

collagen strain stiffening, is used as a platform to assess the alterations in the pressure-

lumen area relationship due to clinical intervention. The study uncovers a number of 

fundamentally important, and previously unreported, insights that should be of critical 

concern for device design and clinical practice. Our simulations reveal that 

deployment of the stent-graft deforms the artery into a post-implantation equilibrium 

configuration with an expanded circumference. In this expanded configuration our 

model predicts that collagen is stretched beyond its transition strain (i.e. it is in a 

straightened high stiffness state) for the entirety of the cardiac cycle.  Therefore the 

high compliance regime exhibited by the native aorta during diastole is eliminated by 

EVAR device deployment and the low-compliance systolic compliance occurs at all 

physiological pressres. Importantly, the device itself does not contribute to the vessel 

compliance because following deployment it operates on the near-zero stiffness nitinol 

unloading plateau. It merly stretches the artery, resulting in collagen strain stiffening 

during diastole.  Similarly, we uncover that oversizing an EVAR device by 20%, 40% 

and 60% results in similar pressure-area curves, with all devices operating on the 

nitinol unloading plateau throughout the cardiac cyle following deployment. This 

result suggests that significantly over-sizing a device does not significantly affect the 

post-deployment effective compliance, while under-sizing a device can result loss of 

contact with the vessel during systole, potentially leading to catastrophic failure due 

to device migration or endo-leaks.  Finally, we show that open surgical repair results 
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in a dramatic change in aortic biomechanical behaviour, resulting in effective zero-

compliance behaviour throughout the entire cardiac cycle. 

7.2 Model Development 

7.2.1 Mechanical behaviour of Aortic Stent-Grafts 

Homogenised effective Stent Membrane (ESM) modelling approach: Owing to the 

considerable computational cost of modelling full stent geometries, we begin this 

study by assessing the feasibility of using a homogenised Stent-Graft (SG) model that 

can be calibrated such that the radial force (RF) versus displacement (U) relationship 

is identical to that of a full stent model. Firstly, we simulate the crimp and deploy of a 

commercially available SG ring and record the RF-U relationship (Figure 7.2(a)). A 

nitinol-type constitutive law is implemented in a user material subroutine (UMAT) so 

that the following features of a full device are accurately replicated: initial high 

stiffness regime during loading; the low-stiffness loading plateau; the initial unloading 

regime; the low stiffness unloading plateau.  Details of this homogenised device model 

are provided in Appendix D, and the effective material properties are presented in 

Table 7.1. For the remainder of this chapter we refer to this homogenised device 

modelling approach as the Effective Stent Membrane (ESM). 

Identifying the reference stress-free device configuration: Removal of the stitching 

which ties the Nitinol frame to the graft material reveals that the stent is not in a stress-

free configuration when attached to a fully expanded dacron graft. Rather, removal of 

the graft results in a 24% increase in the effective diameter of the stent-ring (Figure 

7.2(b)). This expanded nitinol stent geometry is taken to be the stress-free reference 

configuration of the stent. To accurately simulate such devices, it is important to base 

all calculations on this stress-free reference state. The device diameter indicated in the 

product catalogues is not the stress-free configuration; rather, it is the diameter that is 

enforced by the stiff graft material to which the stent is stitched. Throughout this 

chapter we refer to this configuration as the Dacron Enforced Area Limit (DEAL) or 

the Dacron Enforced Diameter Limit (DEDL). 

The graft material only contributes mechanically once the DEAL is reached; during 

the crimp and deployment (up until the DEAL is reached) the graft is in a 

wrinkled/buckled state between the stent struts. The purpose of the graft in the case of 

aortic aneurysm/dissection repair is to relieve the stress from the arterial wall due to 

blood pressure. Due to the extremely high stiffness of the graft material (2.9 GPa 

(Santos et al., 2012)), negligible axial deformation is incurred over the crimp/deploy 

step and hence we prescribe an effective device Poison’s ratio of zero to the ESM. A 

cylindrical orientation defines the circumferential, axial and normal direction of each 

M3D4 membrane element.  
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Figure 7.2: (a) Computational approach to modelling a BRANDNMAE aortic stent-graft, where 

the RF-U response of the stent-graft (SG) is fit using the Effective Stent Membrane (ESM) model. 

The ESM model results in an identical RF-U response throughout the crimp and deployment 

steps. The reference configuration (1.) (circle) is the configuration of the stent once it has been 

removed from the Dacron graft. Both the SG and ESM are then crimped to the internal diameter 

of the delivery sheath (2.) (square). During the deployment step, the implant expands until the 

Dacron Enforced Area Limit (DEAL) is reached, after which the implant has essentially a zero-

compliance due to the stiffness of the Dacron. (b) By removing the stitches that attach the NiTi 

stent rings to the graft material we can observe that the diameter of the stent expands by a further 

24%, to the true stress-free reference configuration. In-vivo, the DEAL prevents the implant from 

returning to this reference configuration. 

 

Table 7.1: Parameters for ESM model. Each parameter is outlined in the schematic shown in 

Figure 7.2(a). 

 

Parameter Description 

𝐸𝑎 Austenite Elasticity 

𝐸𝑚 Martensite Elasticity 

𝐸𝑙 Transformation Loading Elasticity 

𝐸𝑢 Transformation Unloading Elasticity 

𝜎𝑠𝑙 Start of Transformation Loading 

𝜎𝑠𝑢 Start of Transformation Unloading 

휀𝑡 Transformation Strain 
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7.2.2 Comparison of ESM and Stent-Graft on Artery Compliance 

The solution procedure for the FE simulations is as follows. As described in Chapter 

6, the equilibrium zero-pressure configuration due to elastin pre-stretch and smooth 

muscle cell (SMC) contractility is computed. The internal lumen surface is then loaded 

to a diastolic pressure of 73mmHg. The SG and ESM are then crimped to the internal 

diameter of the delivery sheath. Deployment of the SG and ESM is simulated by 

simply removing the crimp boundary condition. As the implant expands it comes into 

contact with the vessel wall, leading to a further increase in the vessel diameter until 

an equilibrium deployed configuration is achieved, whereby the outwards radial force 

of the device and the lumen pressure is in equilibrium with the inwards force due to 

the circumferential tensile stress in the stretched contractile artery wall. Finally, the 

lumen pressure is increased to the systolic value of 117 mmHg. As shown in Figure 

7.3, results for the SG and ESM models are compared in terms of the max. Principal 

stress (S) distribution in the artery wall, and in terms of the pressure-area relationship 

post-deployment. The ESM simulation exhibits an approximately uniform distribution 

of stress in the peri-implant artery wall. The SG simulation exhibits a similar stress 

state, but with higher stress concentrations in the regions where the struts directly 

contact the artery. The pressure-area curves computed for the SG and ESM are 

extremely similar. Both models predict that the lumen area is ~53% higher than the 

untreated artery at diastolic pressure, and ~24% higher than the untreated artery at 

peak systolic pressure. This indicates that the ESM model provides sufficient accuracy 

for assessment of a device induced compliance alteration. However, the ESM 

approach does not provide a detailed description of stress concentrations in the vessel 

wall due to complex geometries of stent struts. It should be noted, that in the open-cell 

stent design considered here, a low percentage of the overall device area consists of 

stent struts, generating high concentrations of stress in the regions of strut-vessel 

contact. In contrast, braided stent designs, or close-cell designs, such as those shown 

in Figure 7.1(a, b) are commonly used for aortic repair. The high area fraction of strut 

coverage for such designs suggests that the ESM modelling strategy will provide a 

very accurate description of the stress distribution in the vessel wall, in addition to 

accurately predicting of the effective vessel compliance.  
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Figure 7.3: (a) Flowchart for solution procedure. (1.) The unloaded reference configuration of the 

artery. (2.) The contractile elements within the arterial wall result in a reduction in area and a 

new equilibrium configuration. (3.) Diastolic pressure of 73 mmHg is applied to the internal 

lumen surface. (4.) The SG/ESM is crimped to the inner sheath diameter of the delivery device. 

(5.) The SG/ESM is deployed into the artery, which remains under the diastolic pressure load, 

and a new equilibrium area is reached. (6.) The system is pressurised with a pulse pressure to 

bring the total applied lumen pressure to 117 mmHg. (b) Circumferential Stress versus strain 

plot for the ESM model shows that the device come in contact with the arterial wall at (1) along 

the ‘unloading plateau’, which results in an increase in the diastolic equilibrium area (2). By 

applying the pulse pressure, the NiTi behaviour follows the high compliance stiffness of the 

unloading plateau, which is significantly less than the LCR stiffness of the aorta. (c) Both models 

(ESM and SG) predict that the lumen area is ~53% higher than the untreated artery at diastolic 

pressure, and ~24% higher than the untreated artery at peak systolic pressure. As the effective 

compliance of the implant is negligible compared to the high stiffness of the low compliance 

regime (LCR) of the aorta, a similar slope is observed in the pressure-area relationship between 

the untreated LCR and the area increase due to the pressure pulse post-implantation. 

 

Both the SG and the ESM models predict that the characteristic bi-linear shape of the 

pressure-area of the untreated aorta is eliminated following to deployment of the 

device. Instead, a linear pressure-area curve is obtained following device deployment, 

the slope of which is similar to the slope of the low compliance regime (LCR) of the 

untreated artery in the systole pressure range. Analyses reveal that the primary effect 
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of deployment of the nitinol stent is to expand the artery so that collagen fibres are in 

the high stiffness regime throughout the entire cardiac cycle. The fact that the device 

does not significantly alter the pressure-area slope from the native LCR slope can be 

explained by considering the circumferential stress-strain path computed during the 

crimp-deployment history of the device, as shown in Figure 7.3(b).  As the device is 

deployed (from its crimped state) it initially reduces its strain at a high modulus (the 

value of which is primarily governed by the martensite modulus of the NiTi stent). 

However, when the device reaches its equilibrium configuration at the diastolic 

pressure it deforms along the “unloading plateau”, which has an extremely low 

effective circumferential tangent stiffness of ~0.07 MPa. The device unloading profile 

remains on this plateau up to the point of maximum systolic pressure. Given that the 

effective tangent modulus of the artery in the LCR is ~1 MPa, the insertion of the 

device does not significantly change the effective compliance from the native vessel 

LCR. Rather, the only significant effect of the device is elimination of the native vessel 

high compliance regime (HCR) during diastole. Once again, we emphasize that this 

occurs simply because the device stretches the collagen in the vessel wall into a high 

stiffness regime for the entire cardiac cycle. The stiffness of the device becomes 

significant only if the DEAL is reached during physiological loading, in which case 

the device becomes extremely stiff compared to the native vessel, and the effective 

compliance of the treated section becomes zero for part of the cardiac cycle. In Section 

7.2.3 below we investigate the critical issue of device over-sizing and the selection of 

an appropriate DEAL.      

In Figure 7.4 we present a comparison of the SG and ESM models deployed in a 

subject-specific FE model of the aorta. In this case a longer stent graft, consisting of 

four stent rings, is considered. Figure 7.4(a, c) shows the max. Principal logarithmic 

stress (S) plotted along the aorta for both the SG and ESM simulations, respectively. 

The ESM model provides a reasonable approximation of the stress state in the vessel 

wall, compared to the SG model. Once again, as shown in Figure 7.3(c), both devices 

provide similar predictions of the altered pressure-area relationship following 

implantation. As was the case in the idealised cylinder models described above, the 

device is found to stretch the subject-specific artery wall in the circumferential 

direction so that the collagen is stretched beyond the transition strain (εt) at all times 

during the cardiac cycle. This results in the elimination of the HCR of the pressure-

area curve. Once again, the effective compliance of the stented section is extremely 

similar to that of the native vessel during systole because the device follows the 

relatively low unloading plateau during the increase of the lumen pressure from 

diastole to systole.  The comparisons presented in Figures 7.3 and 7.4 suggest that the 

ESM modelling approach provides a reasonable approximation to the predicted 

behaviour of a full stent model – even for the low density open-cell geometry 

considered here. 
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Figure 7.4: Comparison of SG and ESM models in a subject-specific aorta. (a) Deployment of the 

SG results in stress concentrations in the regions where the struts directly contact the artery wall. 

(b) Both the SG and ESM models show a similar prediction of the implant induced compliance 

alteration on the pressure-area relationship. (c) The ESM simulation exhibits more uniform 

distribution of stress in the peri-implant artery wall, however the level of stress is similar to that 

of the SG model. 

 

7.2.3 Effect of Implant Oversizing and Positioning on Compliance 

We next use the validated ESM modelling approach to investigate the influence of 

device over-sizing, device positioning, and native vessel stiffness on the post-

implantation changes in the aortic pressure-area relationship.  

Influence of Oversizing – Model development: The effect of EVAR device over-sizing on 

the pressure-area relationship at Plane 6 (mid descending thoracic aorta) is 

investigated using the subject-specific aortic model. Clinical guidelines recommend 

10-20% oversizing for aortic stent-grafts (van Prehn et al., 2009; Sher and Tadros, 

2017). Here we consider three device designs in which the Dacron enforced diameter 

limit (DEDL) exceeds the diastolic vessel diameter by 20%, 40% and 60%, as 

illustrated in Figure 7.5. Based on commercially available designs, in all cases the 

diameter of the stent stress-free configuration is taken to be 24% greater than the 

dacron graft (i.e. the DEDL). Table 7.2 shows the diameter of the stress-free stent 

configuration, the DEDL and the crimped diameter for the three device designs under 

consideration. The crimp diameter is based on the use of a standard commercially 

available 22F delivery system (Ramanan et al., 2015). In all cases the crimped device 

is deployed at Section 6 of the subject-specific aortic model, where the vessel diameter 

is 184 mm at the diastolic pressure of 73 mmHg and 247 mm at the peak systolic 

pressure of 117 mmHg. For each of the three stent designs, FE simulations of crimping 

and deployment are performed to determine the RF-U relationship. Corresponding 
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ESM models are then calibrated to replicate the stent RF-U relationship and deployed 

in the subject-specific artery.  

Table 7.2: Geometrical parameters for the 20%, 40% and 60% oversized implants.  

 Reference 

Configuration 

Diameter (mm) 

DEDL 

(mm) 

Crimp 

Diameter 

(mm) 

Post-

Operative 

Diastolic 

Area 

(mm2) 

Post-

Operative 

Systolic 

Area 

(mm2) 

20% 22.8 18.4 7.1 248 273 

40% 26.6 21.4 7.1 250 275 

60% 30.4 24.5 7.1 252 276 

 

Influence of Oversizing – Results: Figure 7.6(a) shows the post-implantation pressure-

area curves at Section-6 of the subject-specific aorta for the 20%, 40% and 60% 

oversized devices. The DEAL for each case is also indicated on the figure. Nearly 

identical pressure-area curves are computed for all three designs, the only difference 

being that the 20% design reaches the DEAL at a pressure of 93 mmHg, after which 

the compliance is effectively zero. Post-implantation areas at the start of diastole and 

end of systole are listed in Table 7.2 for all three devices. The finding that the 

biomechanical outcome is essentially independent of the degree of device oversizing 

can be understood by considering the device effective circumferential stress-strain 

history during crimping and deployment, as shown in Figure 7.6(d). While the 60% 

oversized device reaches the highest compressive strain during crimping, as expected, 

all three devices are compressed to a strain that extends beyond the loading plateau.  

Therefore, all three devices follow the same unloading curve during deployment in the 

vessel. Furthermore, at the new diastolic equilibrium state, all three devices have 

reached the unloading plateau. Therefore, while the device diastolic strain is sensitive 

to the degree of oversizing (i.e. position along unloading curve), the circumferential 

stress of each device is similar, so therefore the effective radial force and the diastolic 

vessel diameter is similar for all three cases. Finally, all three devices remain on the 

unloading plateau as the pressure is increased to the end-systolic value. Therefore, the 

effective stiffness of the device is extremely low compared to the vessel, and the slope 

of the pressure-area curve throughout the cardiac cycle is essentially equal to the native 

vessel LCR slope for all three device designs.  
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The influence of the DEAL should be considered. As described above, the 20% 

oversized device reaches the DEAL at a lumen pressure of 93 mmHg, so the device 

becomes infinitely stiff and the vessel area remains constant as the pressure is 

increased to the end-systolic value (i.e. the compliance is zero in this regime). We 

recommend that the device should be sufficiently oversized so that the DEAL is not 

reached during physiological loading and a zero-compliance regime does not occur, 

as is the case for the 40% and 60% oversized devices. Excessive oversizing (>60%) 

may have two negative drawbacks; (i) the device may not reach the unloading plateau 

when deployed, in which case it will exhibit a higher tangent stiffness and the effective 

vessel compliance will be lower than the native LCR; (ii) the device may not fit in a 

standard delivery catheter, or it may fracture during crimping. However, insufficient 

oversizing may be catastrophic. As an example, we illustrate in Figure 7.6 that the 

DEAL associated with a 10% oversized device is lower than the lumen area during 

systole. This presents a significant risk of endoleak and device migration. 
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Figure 7.6: (a) The effects of ESM oversizing on the pressure-area relationship in Plane 6 of the 

human aorta. In each case the 20% (red), 40% (green) and 60%(blue) oversizing results in any 

area gain due to pulse pressure to follow the secondary stiffness slope of the aorta. (b) In the case 

of 20% oversizing, the DEAL is indicated by the dashed red line, below which the pressure-area 

response follows the secondary stiffness of the aorta. Once the DEAL is reached no further area 

gain is incurred for any further increase in pressure (as indicated by the change in slope of solid 

red line at ~93 mmHg). (c) Finite element contour plot of max. Principal logarithmic strain (LE), 

highlighting similar strain levels at the deployment site for each degree of oversizing. This can be 

explained by considering the device effective circumferential stress-strain history during 

crimping and deployment (d). In each case the diastolic equilibrium configuration lies on the 

unloading plateau where the stiffness of the nitinol is negligible compared to that of the secondary 

stiffness of the native aorta. With the application of the pulse pressure, each degree of oversizing 

remains on the unloading plateau and therefore exert approximately the same radial force on the 

arterial wall. 

 

Figure 7.7 shows the effect of implant deployment on the pressure-area relationship in 

the human aorta proximally (7(a)) versus distally (7(b)). At the proximal section the 

effective compliance of the vessel post-implantation is similar to the LCR of the native 

vessel. It should be noted that the native vessel at this proximal section is the most 

compliant in the aorta. Therefore, the elimination of the extremely high compliance 

diastolic regime following device implantation results in a significant reduction in 

lumen area change during a cardiac cycle (ΔA=202 mm2 for the native vessel, versus 
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ΔA=28 mm2 post-implantation, representing an 86% reduction). Simulations also 

reveal the critical importance of device oversizing in highly compliant proximal 

sections: As shown in Figure 7.7, the DEAL for a 20% oversized device is lower than 

the end-systolic area of the native vessel, indicating a high risk of endoleak and 

migration. A 40% oversizing is required for this compliant proximal section. 

Figure 7.7(b) shows the simulated behaviour for the distal section of the aorta. The 

compliance of the native vessel at this section is the lowest in the aorta. In this case a 

20% oversized device does not reach the DEAL and the stented vessel exhibits a 

compliance similar in value to the native LCR for the entire duration of the cardiac 

cycle. In this case the reduction in area change during the cardiac cycle is not as 

significant as the effect proximally (ΔA=38 mm2 for the native vessel, versus ΔA =13 

mm2 post-implantation, representing an 65% reduction). 

 

Figure 7.7: 20% oversized stent-graft in the (a) proximal aorta (Plane 2) and (b) distal aorta 

(Plane 9). Pre-operative pressure-area relationship is indicated by open circles and dashed line 

(fitted). Dotted line indicates the DIAL when the stent-graft is fully expanded, and no further 

area increase can be incurred for a given increase in pressure. 
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The relationship between vessel compliance and device design is further elucidated in 

Figure 7.8, in which we simulate age related arteriosclerotic stiffening of the aorta by 

reducing the volume fraction of elastin by 10% throughout the entire vessel (see 

equation 6.04 in our constitutive law in Chapter 6), based on the histological study of 

Hosoda et al., (1984).  We also reduce the transition strain at which collagen stiffening 

occurs (see equation 6.03 in our constitutive law in Chapter 6), based on reported 

biomechanical testing of aged and young aortic tissue (Vande Geest & Vorp, 2004). 

The stiffened aortic pressure-area relationship for Plane 6 is shown in Figure 7.8(a). 

Compared to a healthy young tissue the arteriosclerotic aorta does not exhibit a bi-

linear pressure-area curve under the physiological range of lumen pressure due to the 

reduction of the collagen transition strain, i.e. an LCR-type regime occurs throughout 

the entire cardiac cycle. The reduction of elastin also increases the zero-pressure 

reference area, further adding to the linear shape of the pressure-area curve and the 

overall reduction in vessel compliance. For such a stiffened artery, the insertion of a 

stent-graft does not significantly alter the pressure-area curve of the vessel. The stiff 

vessel is already in the high stiffness collagen regime, so the area change and 

compliance change effected by device insertion is negligible, again because the 

deployed devices operate on the unloading plateau of the RF-U curve. In this case a 

20% over-sizing is sufficient as the DEAL is not reached during the cardiac cycle. 

 

Figure 7.8: (a) Healthy pressure-area relationship for Plane 6 as indicated by blue open circles, 

and FE fit (dashed black line) compared to Stiffened (solid black line). The stiffened aortic 

properties were achieved by reducing both the elastin volume fraction within the wall and the 

transition strain. (b) The effect of implant oversizing on the pressure-area relationship in a 

Stiffened aorta. 20%, 40% and 60% oversizing are indicated by the solid red, green and blue lines 

respectively. The DIAL for each percentage oversizing is indicated by the dashed red, green and 

blue lines respectively. (c) Finite element mesh of subject-specific aorta comparing healthy and 

pathologically stiffened properties in terms of max. Principal logarithmic strain (LE).  

 



Chapter 8 

173 
 

7.2.4 Investigation of Open Surgical Repair on Vessel Compliance 

Finally, we investigate the effect of OSR on the biomechanics of the human aorta. 

Computationally, this is achieved by assigning separate material properties pertaining 

to a commercially available Dacron graft to a portion of ‘diseased’ aortic elements 

between the spinal levels of T11 and L2. The modulus of elasticity of Dacron was set 

as 1000 MPa and the material was assigned a Poisson’s ratio of 0.2 (Demanget & 

Favre, 2013). The thickness of the Dacron prosthesis was chosen to be the same as the 

wall thickness of the aorta, 1mm, (Gawenda et al., 2003). Plane 6 and Plane 7 are 

within the bounds of the Dacron segment, while all other planes are assigned healthy 

fitted material parameters (Figure 7.9). 

Figure 7.9 shows the deformation of the aorta throughout the cardiac cycle for an aorta 

that has undergone a segmental replacement with a Dacron prosthesis. The figure 

highlights the increased stiffness of the Dacron relative to the native aortic material 

properties, where the replaced segment incurs a negligible increase in max. Principal 

logarithmic strain (LE) with the application of the pulse pressure between diastole and 

systole. Figure 7.9(b) shows the pressure-area plot for a series of planes along the aorta 

analysed previously in Chapter 6. In Segments 6 and 7, the effect of the Dacron is 

evident in the effective-zero-compliance pressure-area relationship. 

 

 

Figure 7.9: (a) Max. Principal logarithmic strain (LE) along the aorta at diastolic and systolic 

pressures following OSR of the aorta. When the segment between T11 and L2 is replaced with 

Dacron, the strain is significantly reduced compared to that which is observed in-vivo. (b) The 

area versus pressure curves for a series of locations along the aortic length adjacent to the Dacron 

region. When Segments 6 and 7 are replaced by Dacron the aorta exhibits an effective-zero-

compliance pressure-area relationship between diastole and systole. 
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7.3 Discussion 

This study presents a computational analysis of the influence of Nitinol based devices 

on the biomechanical performance of the aorta. Specifically, the influence of device 

implantation on the pressure-area curve of the vessel is analysed. The study uncovers 

a number of fundamentally important, and previously unreported, insights that should 

be of critical concern for device design and clinical practice. 

(i) The Nitinol stent-graft device expands the artery wall into a new 

equilibrium configuration which exceeds the transition strain of the vessel, 

meaning that the artery is now in the low compliance regime (LCR) where 

the high-stiffness of straightened collagen fibers governs the mechanical 

behaviour of the wall, and the high-compliance regime (HCR) at diastolic 

pressure is eliminated. 

(ii) The stent-graft unloads from the crimped configuration during deployment 

and operates along the unloading plateau between diastole and systole. The 

direct effective stiffness of the implant is negligible compared to the high 

stiffness of the artery wall in the LCR. As a result, the pressure-area 

relationship post-stenting between diastole and systole follows that of the 

local LCR slope of the aorta. 

(iii) Provided the Nitinol device increases its diameter sufficiently during 

deployment so that it reaches the unloading plateau, the degree of 

oversizing has a negligible effect on the pressure-area response of the 

vessel. Each oversized device considered in this study is found to exerts 

approximately the same radial force because all devices reach the 

unloading plateau. Additionally, the radial compliance (the slope of the 

radial force-displacement curve) on the unloading plateau is negligible 

compared to the LCR slope of the native artery. 

(iv) We show that 10% oversizing based on the observed diastolic diameter in 

the mid descending thoracic aorta results in a complete loss of contact 

between the device and the wall during systole, which could lead to an 

endoleak and stent migration. 20% oversizing reaches the dacron enforced 

area limit (DEAL) during the pulse pressure and results in an effective 

zero-compliance in latter portion of systole. Furthermore, our study 

suggests that oversizing is more important proximally, while stiffer distal 

vessels do not require as much oversizing. 

(v) The implanted section follows the local LCR slope for the entire cardiac 

cycle, and as a result the effective compliance change in diastole is more 

pronounced in proximal sections where the difference between the HCR 

and LCR of the native vessel is greatest.  

(vi) Device deployment in a pathologically stiffened artery (in which the 

collagen content is increased and elastin content is decreased) does not 

strongly alter the lumen pressure-area curve. Furthermore, oversizing of 

the device has a negligible effect on the lumen pressure-area curve.  
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(vii) Open surgical repair (OSR) results in a profound change in both the HCR 

and LCR slope, where a near zero compliance is observed throughout the 

entire cardiac cycle. 

Following EVAR, the Nitinol implant expands the artery wall into a new equilibrium 

configuration whereby the outwards radial force of the device and the lumen pressure 

is in equilibrium with the inwards force due to the circumferential tensile stress in the 

stretched contractile artery wall. In this configuration, whereby the circumferential 

strain of the vessel wall exceeds the collagen transition strain, the artery operates in 

the low compliance regime (LCR) throughout the entire cardiac cyle. The high 

stiffness of the stretched/straightened collagen fibers governs the mechanical 

behaviour of the wall in both diastole and systole. Furthermore, as the implant unloads 

from the crimped configuration during the deployment step it operates along the 

unloading plateau between diastole and systole, and therefore the direct effective 

stiffness of the implant is negligible compared to the high stiffness of the artery wall 

in the LCR. As a result, the pressure-area relationship between diastole and systole 

follows that of the local LCR slope of the aorta. The deployment of the device merely 

expands the vessel diameter so that collagen in the vessel wall is in the high stiffness 

regime throughout the cardiac cycle and the compliance of the vessel itself is 

decreased during diastole. Several studies, both in-vivo and in-vitro report that the 

deployment of self-expanding stent-grafts reduces aortic wall compliance (Back et al., 

1994; Vernhet et al., 2001; Morris et al., 2016; Nauta et al., 2017). However, to the 

author’s knowledge, this study is the first to report the fundamental mechanism by 

which this occurs, and the first to report that device deployment alters the compliance 

only at low pressures during diastole. 

Clinical guidelines recommend 10-20% oversizing for aortic stent-grafts based on the 

vessel diameter (van Prehn et al., 2009; Sher and Tadros, 2017). However, we show 

in Chapter 5 that in the native aorta exhibits an area change between 15 and 65% from 

the start of systole to the end of systole. Other studies report similar levels of in-vivo 

area change during a cardiac cycle (Sonesson et al., 1994; Sugitani et al., 2012; 

Ferruzzi & Humphrey, 2013; Kim et al., 2019) providing substantial evidence that 

clinicians cannot be certain that a 10% oversized device will maintain contact with the 

aortic wall throughout the entire cardiac cycle. Further uncertainty is introduced 

through the routine use of non-cardiac-gated imaging modalities for preoperative 

planning and device sizing, in that it is not known whether the pre-inervention imaging 

of the vessel shows the configuration at the start of diastole or at the end of systole, or 

at an unknown intermediate lumen pressure.  

Provided the Nitinol device increases its diameter sufficiently during deployment to 

reach the unloading plateau, the degree of oversizing has a negligible effect on the 

pressure-area response of the vessel.  Approximately the same radial force is generated 

by each device, provided that the unloading plateau is reached. Furthermore, the radial 

compliance (the slope of the radial force-displacenment curve) on the unloading 

plateau is negligible compared to the LCR slope of the native artery, therefore the 
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device itself does not significantly contribute to the overall compliance of the section. 

Rather, the device merely stretches the collagen in the vessel wall into a straightened 

stiff configuration, thus eliminating the HCR associated with wavy collagen in 

diastole.  Our study provides an explanation for the observations of an experimental 

study by Nauta et al., (2017), where porcine aortae were connected to a mock 

circulatory loop and the radial strain was recorded following the deployment of three 

oversized stent-grafts (0-10%, 10-20%, and 20-30%). Experiments reveal that the 

device oversizing does not significantly affect the vessel radial strain.  

Insufficient device oversizing has catastrophic consequences including device 

migration and endoleak, resulting in pulsation, dilation and rupture of the aneurysmal 

wall (Chuter, 2002). We show that 10% oversizing based on the observed diastolic 

diameter in the mid descending thoracic aorta results in a complete loss of contact 

between the device and the wall during systole. Our study suggests that significant 

oversizing is critical in proximally regions where the compliance of the native vessel 

is highest. Our findings are supported by the results of a clinical trial conducted by 

Donas et al., (2019) who found that patients who received stent-grafts that were 

oversized by 14-20% had higher incidences of Type 1a (proximal) endoleaks requiring 

reintervention than patients that were oversized by 22-30%. Furthermore, the Eurostar 

data reports that the rate of endoleak decreases as the degree of oversizing increases 

from 0-20%, after which it is reported to plateau (Chuter, 2002). Our study suggests 

that a higher plateau of oversizing (>20) is appropriate for vessel sections that exhibit 

higher compliance, e.g. cases where devices must be deployed in proximal sections, 

or cases where devices must be deployed in younger subjects. 

To the best of the author’s knowledge this is the first study to report the Dacron 

enforced area limit (DEAL), and its implications on vessel biomechanics. The role of 

the graft is to; (i) de-pressurize the aneurysm wall leading to a reduced risk of rupture; 

(ii) hold the stent rings together; and (iii) act as a conduit for blood and pressure 

transfer. When the device is being deployed, the graft itself does not contribute 

mechanically until the DEAL is reached due to it being in a crimped/buckled 

configuration which provides no outwards radial force. Once the DEAL is reached 

however, the high stiffness of the Dacron material (~3 GPa) results in an effective 

zero-compliance of the device, whereby negligible area increase will occur for a given 

pressure increase. Guan et al., (2016) report no significant difference in the diameter 

change of Dacron stent-grafts between the mid-ring region (where the struts are 

sutured to the Dacron) and inter-ring region (space between two consecutive axial 

stent rings) when subjected to an internal pressure, indicating the Dacron material 

governs the mechanical response of the device once the DEAL is reached. Overall the 

authors report a 0.02 mm radial displacement is reported following the application of 

internal lumen pressures up to 150 mmHg. It is worth noting that there is no DEAL on 

braided stents, and the proposed ESM methodology should be extremely suitable for 

modelling such devices where the Nitinol is uniformly distributed throughout the 

device with a higher area fraction than the open-cell design chosen here. Owing to the 

extensive computational costs in modelling braided stents, the ESM method may 
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provide an alternative approach in clinical-based FE modelling of devices where speed 

of simulation is critical. 

As described previously, following deployment the implanted section follows the 

behaviour of the local low compliance regime (LCR) during the entire cardiac cycle. 

As a result, the effective change in diastole following device deployment is more 

pronounced in proximal sections than in distal sections distally. This is the case simply 

because the difference between the HCR and LCR is found to be highest in proximal 

sections. This finding is supported by the experimental study of Nauta et al., (2017). 

Furthermore, clinical studies report incidences of cardiac events in 34-45% of patients 

that undergo stenting of the thoracic aorta (Martín et al., 2008; Bischoff et al., 2016; 

Beach et al., 2017; Conrad et al., 2017). Such incidences are considerably lower in 

abdominally stented patients 6-12% (Blankensteijn et al., 1998; Barakat et al., 2015; 

Atti et al., 2018; Dakour Aridi et al., 2018). The findings of our computational 

investigation provides a explanation for such clinical outcomes by demonstrating that 

proximal device deployment results in a more pronounced change in effective 

compliance in diastole that is the case for distal device deployment.  

Our results show that device deployment in pathologically stiffened arteriosclerotic 

arteries results in a less pronounced effect on the pressure-area curve than the healthy 

control case. Furthermore, oversizing has a negligible effect on the pressure-area curve 

as the baseline stiffness in the arteriosclerotic aorta is higher resulting in an almost 

identical diastolic equilibrium configuration following deployment. This result 

provides an explanation for the observation by Nauta et al., (2017) that the radial strain 

is similar both pre- and post-stenting in a naturally stiffer abdominal aorta. Finally, we 

show that open surgical repair (OSR) of the aorta results in a profound change to the 

pressure-area relationship with a near zero-compliance throughout the entire cardiac 

cycle. This result is in agreement with the experimental work of Tai et al., (2000), who 

subjected a Dacron conduit to pressure inflation in a mock flow circuit and found that 

the diameter of the conduit increased by only 1.8% over a pressure pulse of 70 mmHg. 

Several experimental studies, in addition to clinical trials, show that stent-grafts 

increase the pulse wave velocity (PWV) of the aorta (Kadoglou et al., 2012, 2014; 

Morris, Stefanov and McGloughlin, 2013; de Beaufort et al., 2017; Van Noort et al., 

2018), which is an independent risk factor for cardiac failure (Ben-Shlomo et al., 

2014). Importantly, the Windkessel effect is diminished following stenting (Nauta et 

al., 2017, Belz, 1995). Increased PWV has been directly linked to cardiac death via a 

complex cascade of increased pulse pressure (Benetos et al., 1997), increased left-

ventricular afterload and decreased coronary flow (Zacharoulis et al., 2007; Spadaccio 

et al., 2016), and ultimately left ventricular hypertrophy (Kim et al., 1995; Morita et 

al., 2002). 

In this study, the effect of stent-graft deployment in the young healthy aorta is 

investigated, where mechanical properties of the vessel are calibrated from Chapters 

5 and 6. We show that oversizing is critical, particularly in the compliant proximal 

aorta, which is of significant clinical relevance given the fact that young subjects (< 
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30 years of age) are often treated for various aortic pathologies including aneurysm 

and dissection (Yoneyama et al., 2019; Marder & White, 2012; Sörelius, 2016; 

Hountis & Bolos, 2009; Tiryakioglu et al., 2009; Abbaszadeh & Nikparvar, 2019). We 

also simulate an arteriosclerotic aorta (Figure 7.8) by reducing the elastin content and 

transition strain based on previous experimental studies (Hosoda et al., 1984; Vande 

Geest & Vorp, 2004). Our results suggest that oversizing is less critical in stiffer 

vessels as the DEAL is less likely to be reached. In each case, stenting does not alter 

the local LCR of the aorta, provided the new diastolic equilibrium point is along the 

unloading plateau. 

This computational investigation provides new insights into the mechanisms by which 

nitinol stent grafts alter the native biomechanis of the aorta. Our findings reveal that 

the effective radial compliance of the device itself is not significant compared to the 

native vessel, provide the device diameter increases sufficiently during deployment to 

reach the unloading plateau. Rather, the device deployment stretches the vessel wall 

so that the high compliance regime during diastole is eliminated due to the stretching 

to the collagen to a straightened stiff configuration. Our simulations demonstrate that 

device over-sizing has a negligible effect on the vessel diameter and compliance post-

implantation, and we highlight the significant issues associated with insufficient 

oversizing so that the device reaches the DEAL. The test-bed developed in this study 

can be used to design next-generation devices and to guide clinical intervention to that 

post-operative complications including device migration and cardiac mortality can be 

reduced. 
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CHAPTER 8 

 
CONCLUDING REMARKS 

 

8.1 Summary of Key Contributions 
Chapter 4: 

Novel technical contributions 

• The spatial heterogeneity in microarchitecture along the length of the human 

aorta is characterised using histological and stereological techniques. 

• The collagen fiber distributions are characterized along the axial and radial 

dimensions of the aorta and it is shown that a von Mises mixture model is 

required to accurately fit the complex, non-symmetric distributions observed. 

Novel scientific insights 

• The volume fraction of elastin within the aortic wall decreases with distance 

from the heart, while the volume fractions of both of collagen and smooth 

muscle cells increase. 

• The orientation of collagen fibers is highly heterogeneous along the length of 

the aorta and throughout the individual layers of the wall, and the presence of 

two equally dominant and symmetric fiber families is absent. 

Chapter 5: 

Novel technical contributions 

• A novel dual-VENC 4D Flow MRI protocol is developed and implemented in 

a commercial scanner, which is capable of capturing the true deformation and 

flow along the entire aorta throughout the full cardiac cycle. 
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• A composite dataset approach is proposed which negates the need for phase 

unwrapping algorithms, minimizing post-processing time and resulting in 

superior accuracy in regions of low flow in diastole compared to mono-VENC 

acquisitions. 

Novel scientific insights 

• The dual-VENC protocol is implemented in a commercial scanner on a healthy 

volunteer and the compliance of the aorta, defined as the change in area divided 

the diastolic area, decreases with distance from the heart, while the pulse wave 

velocity (PWV) increases. 

• By plotting the instantaneous pressure versus area relationship at each of the 

10 planes analysed, the non-linearity in compliance can be observed where the 

aorta is highly compliant at low pressures and stiffens at higher pressures. 

Chapter 6: 

Novel technical contributions 

• A novel physically motivated constitutive law is developed, and the pressure-

area relationship observed in-vivo in Chapter 5 is fit using the MRI/FEA 

framework. 

• A framework for the generation of patient-specific finite element meshes 

directly from medical imaging datasets such as that described in Chapter 5, is 

generated. 

Novel scientific insights 

• Internal vessel contractility, due to pre-stretched elastin fibres and actively 

generated smooth muscle stress, must be incorporated into the artery 

constitutive law, along with collagen strain stiffening, in order to accurately 

predict the non-linear pressure-area relationship uncovered by our MRI 

investigations in Chapter 5 and the stress-strain response from experiments. 

• Our modelling approach is shown to capture the key features of elastin and 

SMC knockout experiments. 

• The framework leads to the prediction that collagen and smooth muscle 

volume fractions increase distally, while elastin volume fraction decreases 

distally. This finding is supported by the histological analyses presented in 

Chapter 4. 

• The strain at which collagen transitions from low to high stiffness is lower in 

the abdominal aorta, again supporting the histological finding that collagen 

waviness is lower in this region. 
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Chapter 7: 

Novel technical contributions 

• The effect of the two main treatment options for aortic disease on the in-vivo 

pressure-area relationship are investigated in the subject-specific FE model 

generated in Chapter 6; (i) Endovascular aortic repair (EVAR) where an 

intravascular device is deployed into the aorta, and (ii) open surgical repair 

(OSR), where a segment of the aortic wall is replaced with Dacron. 

• The framework developed can serve as a test-bed for the design of next-

generation stent-grafts and replacement synthetic materials for aortic repair. 

Novel scientific insights 

• It is shown that EVAR results in the aorta reaching a new equilibrium 

configuration due to the outward force of the implant being balanced by 

increased tension in the vessel wall. This additional strain being imparted on 

the aortic wall results in the material transition from the high compliance 

regime into the low compliance regime. 

• The stent-graft unloads from the crimped configuration during deployment and 

operates along the unloading plateau between diastole and systole. The direct 

effective stiffness of the implant is negligible compared to the high stiffness of 

the artery wall in the LCR. As a result, the pressure-area relationship post-

stenting between diastole and systole follows that of the local LCR slope of 

the aorta. 

• The implanted section follows the local LCR slope for the entire cardiac cycle, 

and as a result the effective change in diastole is more pronounced proximally 

versus distally where the bi-linearity of the pressure-area curve is more 

pronounced.  

• Open surgical repair (OSR) results in a profound change in both the HCR and 

LCR slope, where a near zero compliance is observed throughout the entire 

cardiac cycle. 
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8.2 Future perspectives 

The work presented in this thesis has addressed several key topics in relation to aortic 

heterogeneity and arterial mechanics. These contributions have implications for 

related areas in biomechanics and the design of medical devices. This section provides 

a discussion of future perspectives. 

In Chapter 4 we show for the first time in humans that the elastin content decreases 

while the collagen content increases with distance from the heart. Although 

considerably more difficult in terms of availability, the approach could be extended to 

younger cadavers in order to investigate the effect of ageing on the trends observed in 

this work. It is shown that collagen fiber orientations cannot be simplistically 

represented by two equally dominant and symmetric families (Roy et al., 2014; 

Grytsan & Holzapfel, 2015), and that a von Mises mixture model is required to 

accurately represent the complex distributions that exist throughout the wall. A 

possible next step would be to develop a mixture dispersion model with varying terms 

that could better replicate the data. For each location along the aorta, the orientation 

of elastin and SMCs could also be quantified, which would feed into a more accurate 

representation of the true angles of these constituents in such material laws as that 

developed in Chapter 6. 

In Chapter 5 a novel dual-VENC 4D Flow MRI framework is proposed as a 

methodology for characterizing aortic mechanical properties in-vivo. This offers a 

powerful clinically feasible means of evaluating patients preoperatively with regards 

to stent-graft sizes and postoperatively allowing visualisation of endoleaks, perfusion 

of branch vessels and the effect of various devices on kinematics and haemodynamics. 

The framework could also be used in ageing studies to capture the degree of stiffening 

that occurs over time in the aorta or indeed for monitoring aneurysm development. 

Furthermore, the 4D Flow MRI protocol can serve as direct input into patient-specific 

FSI models of unprecedented detail (Miyazaki et al., 2017; Soudah et al., 2017; Saitta 

et al., 2019). 

The novel constitutive law developed in Chapter 6 allows for the regional 

characterization of aortic mechanical properties based on the deformation of the 

system in-vivo and the microstructural constituents within the wall. The importance of 

incorporating the contractile components of the artery is highlighted in order to 

accurately replicate both the pressure-area and stress-strain response of the material. 

This model could be implemented in coronary/peripheral vascular applications, as 

incorporation of the contractile elastin and SMCs will influence the mechanical 

behaviour of the tissue into which stents are deployed  (Shadwick, 1999; Ebrahimi, 

2009; Chow and Zhang, 2010). Furthermore, a smooth transition region could be 

added to better fit experimental data that exhibits a slower transition from low to high 

stiffness. The framework for the generation of patient-specific FE models developed 

also in Chapter 6, is of significant value to the field of computational biomechanics. 

The method is entirely automated and results in a well-structured hexahedral mesh for 
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simulations, which could also be extended to coronary, cerebral and even orthopaedic 

applications. 

The implantation of stent-grafts or the replacement of arterial segments with Dacron 

are routine procedures in almost every medical centre today around the world, 

however the impact of such procedures on the biomechanics of the native vessel or 

system is not well understood. In Chapter 7 both treatment options are shown to 

significantly alter the pressure-area response of the aorta compared to preoperative 

conditions. The next stage of this work should be to extend the current platform to 

optimize new synthetic materials and devices to better capture the native biomechanics 

of the aorta and reduce postoperative complications. 
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