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Abstract

The current threshold diameter for aortic aneurysm repair is based on Laplace’s law.

However, aneurysms below this threshold have undergone dissection, while some

larger aneurysms remain stable. An accurate understanding of how the dynamics

of the aorta – particularly the fluid-structure interaction – relate to aneurysm pro-

gression is fundamental to streamlining clinical decisions. This thesis encompasses

an experimental investigation into the response of compliant vessels to pulsatile flow

for the purposes of properly characterizing the vessel-wall material properties. The

structural deformation of, and flow field within, the compliant vessel were recorded

using ultrasound imaging. The ultrasound data were then used to estimate the in-

stantaneous elasticity of the vessel wall through a novel, dynamic model developed

from a force analysis of a compliant vessel under two-dimensional (2D) stress. First,

the instantaneous elasticity of a purely elastic, synthetic vessel with known proper-

ties was extracted using the 2D stress model and compared to Laplace’s law. The 2D

stress model was found to better predict the trend and magnitude of elasticity than

the results from Laplace’s law. Second, the instantaneous elasticity and dynamic

viscoelastic properties of a porcine ascending aorta were calculated and compared

to results from dynamic uniaxial testing. The instantaneous elasticity of the intact

aorta matched well with uniaxial results, while the viscoelastic properties differed

significantly between the cylindrical and uniaxial stress states.
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Chapter 1

Introduction

1.1 Motivation

An aortic aneurysm can be a life-threatening condition, representing a serious mor-

tality risk of 80% if rupture occurs (Kontopodis et al., 2015). There is a significant

decline in mortality risk if aneurysms are electively treated with aortic graft replace-

ments when compared to emergency replacements (Emmott et al., 2016). Therefore,

early predictors of aneurysm rupture risk can be of great benefit to patients.

Currently, an aortic aneurysm diameter greater than 5.5 cm is an indication for

intervention (Kontopodis et al., 2016). However, in patients with connective tissue

disorders, where structural changes in the aortic wall are well defined, a much lower

threshold of dilatation is warranted for intervention; i.e. in Marfan Syndrome, a di-

ameter greater than 5.0 cm is an indication for surgery, and the threshold may be

lowered to 4.5 cm in the presence of further risk (Erbel et al., 2014). Strictly monitor-

ing aneurysm diameter and growth may not accurately predict the risk of aneurysm

rupture (Avanzini et al., 2014), and might lead to undertreatment of those who have
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other contributing factors such as aortic stiffness or a connective tissue disorder. Al-

ternatively, overtreatment is also a concern: Trabelsi et al. (2015) found that, even

at a diameter of 6 cm, only 31% of patients with aneurysms developed complications.

Moreover, there is a large number of individuals in the general population with aortic

diameters between 5.0 and 5.5 cm whose risk of complications are not well understood

(Boodhwani et al., 2014).

Laplace’s law, from which the circumferential stress of a compliant vessel can

be calculated, is the theoretical basis of the aortic diameter intervention guidelines;

however, this law is only valid for simple cases such as spheres and uniform cylinders,

and does not adequately account for the complex geometrical nature of the native

vessels (Kontopodis et al., 2015). The biomechanical analysis of diseased aortas could

therefore represent an intriguing opportunity to further elucidate the mechanisms

leading to rupture even in the absence of connective tissue disorder. It has long

been recognized that a blood vessel cannot be considered as a passive conduit for

blood flow. Rather, a blood vessel is a continuously adapting, dynamic element with

the purpose of maintaining optimal function in response to changing hemodynamic

conditions (Malek and Alper, 1999). Therefore, a more thorough understanding of

the biological composition and biomechanics of the vascular system is warranted.

There is a need for an experimental effort to determine the response of the aorta to

a pulsatile waveform. Biological tissues, though subject to conservation of mass, mo-

mentum and energy, have unique constitutive equations that differentiate them from

inorganic materials, and thus make them harder to characterize. The inter-individual

heterogeneity of the aorta’s geometry and composition, as well as the distinct differ-

ences in regional mechanical properties, fuel the difficulty behind understanding the
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underlying mechanics of the aorta.

1.2 Objectives

This thesis explores the mechanical properties of large vessels such as the viscoelastic

aorta, with a focus on its ascending section. The two primary objectives of this thesis

are to:

I. Present and validate a method that is capable of extracting accurate material

properties of the intact aortic wall when subject to dynamic loading; and

II. Extract viscoelastic properties of the ascending aorta in a cylindrical loading

scenario, and provide preliminary observations regarding viscoelastic behaviour

under said loading.

The long-term goal of this work is to apply the material characterization method to

the in vivo human aorta and provide a patient-specific measure of the aortic-wall elas-

ticity. Tracking changes in the behaviour of an individual’s aortic wall consistently

over a prolonged period of time can provide early indicators of disease (i.e. quantifi-

cation of aortic stiffening over several years for predication of aneurysm rupture).

1.3 Organization of thesis

Chapter 2 outlines the relation between the mechanical properties of the aorta and

cardiovascular disease. The current test methods for obtaining material properties of

aortic tissue and works related to the study objective are then reviewed. Compliant

vessel mechanics and viscoelasticity are also discussed.
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Chapter 3 describes the experimental setup and results for the synthetic valida-

tion material. The instantaneous elasticity of the compliant vessel is presented, as

calculated from two established constitutive laws and a novel semi-empirical 2D stress

model. This chapter addresses objective I. The results are compared to elasticity val-

ues obtained from a uniaxial stress state. Material properties of the porcine aorta

are presented in Chapter 4. Differences in material behaviour between the cylindrical

and uniaxial stress states are discussed. This chapter tackles both objectives, with a

primary focus on objective II.

Chapter 5 summarizes the major findings from the previous two chapters and

outlines implications of the findings in the context of envisioned future work. Addi-

tionally, recommendations are made to improve future experiments that are similar

in objective.

Appendix A details the development of the 2D stress model used to calculate

instantaneous elasticity in Chapter 3 and Chapter 4. Appendix B consists of supple-

mentary work: a discussion on the uncertainty in pressure extraction from flow field

data, and an examination of the behaviour of the ex vivo porcine aorta not touched

on in the main body of this thesis.



5

Chapter 2

Background

The purpose of this chapter is to provide context for the dynamic experimental analy-

sis of the aorta. First, an overview of how the mechanical properties of the aorta and

cardiovascular (CV) disease are related will be presented. Then, the current state of

bio-mechanical characterization of aortic walls, specifically the various test methods

available, will be reviewed. Finally, modeling the stress-strain response of the aortic

wall and obtaining the vessel-wall elasticity will be discussed. The introduction sec-

tions of Chapter 3 and Chapter 4 also provide more information regarding current

research into arterial mechanics.

2.1 Arterial-wall properties and cardiovascular disease

Mechanical factors, in addition to biological ones, have been shown to be important

in triggering the onset of CV diseases, such as aneurysms (Holzapfel et al., 2000). The

physical properties of the aortic wall are altered with disease progression, and signifi-

cant differences between non-pathological and aneurysmal aortic tissue behaviour has

been observed (Haslach et al., 2018). Here, literature regarding histological effects,

segmental effects, and hemodynamic effects on the mechanical properties of the aortic



2.1. ARTERIAL-WALL PROPERTIES AND CARDIOVASCULAR DISEASE 6

wall is presented.

2.1.1 Histology behind macro-mechanical properties

The aorta is the largest elastic artery within the human body and is composed of

three distinct layers: the tunica intima, tunica media, and the tunica adventitia, as

identified in Figure 2.1 (Holzapfel et al., 2000). The tunica intima is the innermost

layer and is comprised of single layer of endothelial cells and sub-endothelial connec-

tive tissue. The tunica media is the thickest layer and is mainly composed of smooth

muscle cells (SMC), embedded in a network of interspersed collagen and elastin fi-

bres within the extracellular matrix. The adventitia is the outermost layer and is

primarily made up of collagen fibres. Often the aorta is modeled as a single-layered

elastic tube, however, interactions between layers may affect pathogenesis. Layer-

specific models can elucidate the individual contribution of each layer to dissipation

and cyclic behaviour.

Elastin and collagen are the primary load-bearing fibres in the aortic wall (Tsamis

et al., 2013). The relative amount, density, and arrangement of these two constituents

greatly affect the mechanical response of the tissue (Jiu-sheng, 2012; Bellini et al.,

2014). Therefore, it is important to consider histological composition when charac-

terizing the physical properties of the aortic wall. Elastin fibres have low stiffness,

and contribute to the aorta’s elastic response by storing elastic energy over the car-

diac cycle. Collagen serves as reinforcement for the general structure of the arterial

wall. Collagen types I and III are the most common in the aortic wall, and they are

crimped under no load. With increasing strain, these fibres are engaged by unfurling

and straightening primarily in the direction of stress (Brüel et al., 1998). Collagen
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Figure 2.1: Micro-composition of the three arterial layers for a healthy, elastic artery.
Reproduced with permission from Holzapfel et al. (2000)

dictates the non-linear elastic behaviour of the aorta (see Figure 2.4) (Hill et al.,

2012).

Distribution of constitutive fibres in soft tissues and its relation to mechanical

properties have been studied extensively (Marino and Vairo, 2013; Akhtar et al.,

2009). Bellini et al. (2014) better defined the mechanical environments of the media

and adventitia layers within the arterial wall by highlighting the roles that SMCs play

in arterial homeostasis. Taghizadeh et al. (2015) evaluated the mechanical properties

of the aortic wall while accounting for the lamellar structure within the medial layer,

highlighting the non-linear behaviour of the media layer and the weighted contribution

of elastin at lower strains. Elastin has also been shown to contribute significantly to

the shortening phenomenon that is observed upon cutting along the circumferential
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direction of arteries (residual stresses) (Cardamone et al., 2009).

In terms of aneurysmal tissue, studies focusing on the ascending aorta report

reduced levels of elastin, but normal levels of collagen, throughout the vessel wall

when compared to a healthy aorta (Iliopoulos et al., 2009a; Sokolis et al., 2012a).

Aneurysm development in the ascending aorta has been shown to be associated with

higher stiffness of the wall, resulting in increased wall stresses, but not a weakening of

the wall for age-matched subjects (Iliopoulos et al., 2009b). Remodeling of the aortic

wall during aneurysm formation modifies the bond strength between collagen fibres

and the surrounding ground substance (Haslach et al., 2018).

2.1.2 Segmental differences in elasticity

There are segmental differences in the structure and mechanical properties of the

aorta, and these are dependent on the magnitude of stress that the wall is subjected

to regularly under normal conditions. Schriefl et al. (2012) incorporated the themes

of segmental and histological analysis to study the layer specific distribution and

orientation of collagen fibres in the abdominal and thoracic aorta. They concluded

that there were distinct fibre families, directions and dispersion present in the three

arterial layers. The variations between the layers underlie their different mechanical

and functional properties. Sassani et al. (2015) utilized a four fibre micro-structure

based model to characterize region- and layer-specific material properties in ascending

aortic aneurysmal tissue samples; their novel hypothesis that the fibres are able to

support compressive forces provides further insight into the role of elastin and collagen

in withstanding mechanical loads. The aortic wall shows an increase in viscoelastic

creep further from the aortic root, which can be attributed to a decrease in elastin
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content. Irregular variability in the opening angle was observed over the length of the

vessel, the pattern of which was determined to be similar across both young (less than

40 years of age) and old subjects (Sokolis et al., 2017). Haskett et al. (2010) delved

into the critical importance of gaining a better structural model of the aorta through

quantification of microstructural and mechanical changes. Specifically, they looked

at anisotropy and how extracellular matrix micro-structure changes as a function of

location and age of the aorta.

2.1.3 Age-dependent effects

Another concept of interest is the age-dependent elastic behaviour of the arterial wall

which is closely related to the histological compositional changes that occur with age.

These alterations with age are explored by Maceri et al. (2013); they introduce a multi

scale mechanical model that accounts for nano-scale effects of cross-link stretching,

as well as micro- and macro-scale mechanisms. This model contributes experimental

evidence regarding the histological alterations in the aortic wall that occur with age,

highlighting the influence of cross-link density and stiffness on the elastic modulus.

With age, there is an increase in aortic diameter, thickness, and elastin stiffness, as

well as an increase in collagen amount and cross links. Carallo et al. (1999) describe

the effects of ageing as a change in the arterial wall with an increased collagen presence

and reduced elastin function, leading to a larger and stiffer vessel. Moreover, this

increase in aortic stiffness and thickness is greatest in the circumferential direction

(Haskett et al., 2010).



2.1. ARTERIAL-WALL PROPERTIES AND CARDIOVASCULAR DISEASE 10

Cavalcante et al. (2011) present a comprehensive review on arterial stiffness asso-

ciated with age and, in particular, the acceleration of aortic stiffness due to hyperten-

sion. They identify arterial stiffness as an important prognostic factor and emphasize

its deleterious effect on the Windkessel function of the aorta (discussed further in

Section 2.2.3). Moreover, they identify pharmacological and non-pharmacological

therapies targeted against increased aortic stiffness. A monotonic decrease in cir-

cumferential and axial tensile strength of the arterial wall with age is evident as well

(Guinea et al., 2010; Garćıa-Herrera et al., 2012; Morrison et al., 2009). Guinea et al.

(2010) utilized uniaxial tensile tests on donor thoracic aortas and found that the ten-

sile strength of the thoracic aorta falls rapidly after age 30 and Morrison et al. (2009)

found that circumferential and longitudinal strain decreased by 50% with increasing

age (patients with a mean age of 68 compared to patients with a mean age of 41).

Deveja et al. (2018) found a negative correlation between failure stress and stretch

with increasing age in all three layers of the ascending aorta and a similar correlation

was found by Iliopoulos et al. (2013) in tissue samples of patients with sinus of val-

salva aneurysms. Tracy and Eigenbrodt (2009) found that a disproportionate increase

in vessel wall thickness with age causes a deviation from Laplace’s law: they intro-

duced age specific constants into the Laplace equation to make their data conform

to Laplace expectations. This further highlights the need for a more comprehensive

guideline to assess aneurysm rupture risk, especially in an ageing population, than

the current diameter-based guidelines which were formed on the basis of Laplace’s

law.
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2.1.4 Hemodynamics as a disease factor

The compliant aorta yields a complex fluid–structure interaction (FSI) problem,

where the blood flow and aortic wall deformation are coupled. Pulsatile arterial

hemodynamics has been explored in numerous experimental studies (Carallo et al.,

1999; Taylor and Steinman, 2010; Pedrizzetti et al., 2015). While the flow of blood is

generally laminar, in some cases this flow can be disrupted and result in transitional

conditions, which may contribute to CV pathologies (Lasheras, 2007). Transitional

flow in the presence of hypercholesterolemia has been proven to prime the vessel wall

for the pathogenesis of atherosclerosis (Prado et al., 2008). Transitional blood flow

has also been suggested as a cause of post-stenotic dilatation, however this association

may be due to the common occurrence of turbulence alongside stenosis of the blood

vessel wall (Zaroff et al., 1959; Wilton and Jahangiri, 2006).

Wall shear stress (WSS), the tangential component of the force exerted on the

vessel wall by blood flow, has a major impact on the presentation of endothelial cells

and SMCs within the lumen of the arterial wall (Chiu et al., 2003). Areas with fluctu-

ating, or extreme, magnitudes of WSS are more susceptible to disease (Gijsen et al.,

2019; Malek and Alper, 1999; Stone et al., 2003). Spatial gradients of WSS result in

initial aneurysm development, while extreme values of WSS are thought to perpet-

uate aneurysm growth (Boussel et al., 2008; Dolan et al., 2013; Bauer et al., 2020).

Transitional flow has been proven to significantly increase pressure and fluctuations

of WSS within aneurysmal regions. Khanafer et al. (2011) suggest that this may

result in a self-perpetuating mechanism of further dilatation and subsequent increase

of turbulence in the region. It has been suggested that the associated hemodynamics

through an aneurysm, such as recirculating flow and WSS values, may also result in
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the formation of thrombi (Khanafer et al., 2007; Les et al., 2010).

Figure 2.2 illustrates a simple flow schematic of the ascending aorta. The aortic

valve has significant influence on the flow dynamics within the ascending aorta, as

the flexible leaflets of the aortic valve yield complex flow structures that may lead

to transitional flow (Sigüenza et al., 2018). Thus, consideration of the valve for

dynamic studies of the FSI is important; numerous studies have reported differences

between flow mechanics behind tricuspid and bicuspid valves within the ascending

aorta, such as differences in WSS distributions (Juraszek et al., 2014). Bileaflet

mechanical valves introduce non-physiologic flow patterns, and have been linked to

aortic stenosis (Sotiropoulos et al., 2016). Gülan and Holzner (2018) showed that the

orientation of a mechanical prosthetic valve plays a distinct role in the development

of vortical flow structures and spatial distribution of WSS.

Figure 2.2: Schematic of the ascending aorta. Flow instabilities, vortical flow, and a
recirculation region are all present in this section of the aorta

The majority of the literature supports the hypothesis that the formation of an

aneurysm and other CV diseases is a multifactorial, degenerative process (Lasheras,

2007), not solely affected by hemodynamics and mechanical wall stress, but including
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inflammation and immune response, molecular genetics, and degradation of surround-

ing connective tissue (Khanafer et al., 2007). These coupled effects are best studied

in the in vivo environment. However, dynamic ex vivo tests, discussed further in Sec-

tion 2.2.3, can show the effect of flow on healthy arterial structure, while still allowing

for control of the loading conditions and isolating mechanical effects.

2.2 Characterizing aortic tissue ex vivo

A variety of methods exist to characterize aortic tissue in a controlled setting outside

of the body. Here classical tensile tests in the literature are discussed, as well as static

and dynamic inflation (flow loop) tests.

2.2.1 Tensile testing

Tensile tests have been widely used to test biological tissues ex vivo due to their

simplicity and ability to give precise information regarding local properties of soft

tissues. While stretching a piece of the sample (either rectangular in shape, or dog-

bone shaped), the displacement and resulting force are recorded in the direction(s) of

stress, often extending until fracture. These data can be used to obtain a variety of

stress-strain relations, and depending on the constitutive model chosen, authors may

make use of different stress and strain parameters outlined throughout continuum

mechanics such as Cauchy stress, engineering stress, second Piola-Kirchoff stress,

Green strain, true strain, and engineering strain.
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Uniaxial stress

With uniaxial tensile testing, one can obtain the ultimate tensile strength, the yield

strength, as well as the strain at failure. A single value of Young’s modulus, which

is useful for defining non-biological materials, cannot be adequately used for blood

vessels since they are characterized by a non-linear elastic behaviour. A common

method to define this parameter for biological tissues is to calculate the modulus

incrementally and report it for a specified range of stress. Additionally, most authors

make use of the maximum tangential modulus to describe vessel stiffness and make

succinct comparisons between intra-study specimens. Currently there is no standard

for testing protocol, and variations in experimental parameters such as the force

range and number of cycles for preconditioning, loading or strain rate, or the strain

measure used to calculate elasticity parameters, make lateral comparisons between

papers difficult at best (Avanzini et al., 2014; Sokolis, 2007).

Uniaxial testing of the aneurysmal aorta has focused on considering the region-

and layer-dependent variations of the wall behaviour. Iliopoulos et al. (2009a) first

showed that the ascending thoracic aortic aneurysm (ATAA) exhibits heterogeneity

between the anterior, posterior, right and left lateral regions. The data from the

circumferential direction suggested this direction to be stiffer than the longitudinal

direction at physiological and high stresses. While no differences in the peak elastic

modulus were observed between the four regions in the circumferential direction, the

longitudinal direction results indicated that the anterior region was significantly less

stiff than the other regions. The results showed that no correlation existed between

failure stress and the diameter of the whole ATAA (Iliopoulos et al., 2009a).
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The layer-specific differences of the tunica intima, media, and adventitia from uni-

axial data of the ATAA were documented by Sokolis et al. (2012b). In general, the

circumferential stiffness was recorded as higher than the longitudinal direction in the

adventitia and media, but not the intima, though all layers had a higher failure stress

in the circumferential direction. This is true for all four regions (previously intro-

duced) of the media, but only for the anterior and posterior regions of the adventitia.

This study also brought up the important concern that the adhesive connections be-

tween the three layers need to be considered when drawing conclusions regarding the

overall mechanical properties of the wall from those of the individual layer behaviour.

Khanafer et al. (2011) performed uniaxial tests on the ATAA and highlighted the

importance of the elastic modulus in assessing risk of aneurysm rupture. Sassani et al.

(2015) examined the regional uniaxial response (collecting bi-dimensional strain data)

of the intimal, medial, and adventitial layers of the aneurysmal ascending aorta in the

circumferential and longitudinal directions, again separating the specimens into four

regions. A decoupled micro-structure-based formulation, resulting in a reduced two-

fibre model, was used to describe the uniaxial behaviour in either direction, concluding

that material parameters are highly dependent on differences within the underlying

wall composition.

Uniaxial tests were performed on a synthetic validation material and the porcine

ascending aorta for this thesis. The procedure for these tests, and associated results,

are presented in Chapter 3 and Chapter 4.



2.2. CHARACTERIZING AORTIC TISSUE EX VIVO 16

Biaxial stress

While uniaxial tests describe failure properties of vessel walls adequately, as shown

by the studies cited in the previous section, characterizing loading response along a

singular axis does not reflect in vivo conditions, where the blood vessel wall is subject

to multiaxial stresses. Guinea et al. (2010) performed uniaxial tests on healthy tho-

racic aortas, with samples obtained from persons deceased from non-cardiovascular

causes. They acknowledged the limitations of the uniaxial test, stating that it poorly

reproduces the complex loading conditions seen at the physiological level, which are

better described by biaxial testing. In addition, uniaxial testing does not provide a

true understanding of the anisotropic properties of the vessel wall, as the circumfer-

ential and axial test strip come from different locations. Biaxial testing is done with

a square sample, which is placed in a loading rig with four arms, generally by means

of hooks or clamps, at 90 degrees to each other.

A significant volume of literature has focused on biaxial testing of both healthy

and diseased tissue (Haskett et al., 2010; Vande Geest et al., 2006; Zemánek et al.,

2009; Azadani et al., 2012; Bellini et al., 2014). Alreshidan et al. (2017) used biaxial

testing on resected ascending aortic tissue to compare to and validate the use of in

vivo speckle tracking transesophageal echocardiography to estimate aortic stiffness

to better stratify the risk of aortic aneurysm rupture. The advancement of in vivo

imaging techniques gives rise to more reliable data; however, the behaviour of the

aorta with these tests is limited to patient-specific physiological conditions. In addi-

tion, in vivo testing presents multivariate data, as it is not possible to disregard other

non-loading effects, such as the effect of surrounding perivascular adipose tissue.

Drawbacks of biaxial testing arise from the attachment method, i.e., the failure
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of the tissue usually occurs at the attachment location and rupture is also influenced

by the components used to hold the tissue (Marra et al., 2006). In addition, testing

samples of various shapes does not allow for accurate comparison since the geometry,

in addition to the clamping method, can alter the mechanical properties observed, as

was described by Waldman and Michael Lee (2002).

2.2.2 Static loading with fluid: inflation tests

The bulge inflation test, also referred to as the membrane bulge test, gives informa-

tion on biaxial behaviour, and was used most recognizably in the work by Mohan

and Melvin (1983) on healthy human thoracic aorta specimens. This test involves

using a square specimen, which is secured in the inflation device through an airtight

seal (Figure 2.3(a)). A fluid, generally water, is released at a specified rate, and the

expansion of the specimen is tracked optically with complex digital imaging tech-

niques to obtain the strain field. This technique has also been applied to analyze the

mechanical behaviour of aneurysms (Trabelsi et al., 2015; Romo et al., 2014; Kim

et al., 2012). Romo et al. (2014) utilized the bulge inflation test on the ascending

aorta to observe the most likely location of aneurysmal rupture, by noting the region

that had the most amount of localized thinning. They created local thickness over

pressure maps to predict the site of aneurysm rupture and they posited that the site

of rupture mostly occurs not at the location of maximum stress but at the location

of greatest wall weakening.

An inflation-extension test replicates the in vivo cylindrical loading scenario of a

blood vessel. In general, an intact portion of a blood vessel is extended by some means

to replicate axial loading, and fluid is run through the conduit to enact circumferential
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loading (Figure 2.3(b)). Optical methods may be used to track displacement of preset

markers on the blood vessel (Labrosse et al., 2009). Courtial et al. (2015) present

an inflation device that was coupled with non-invasive imaging techniques such as

ultrasound, in order to identify hyper-viscoelastic model parameters of a silicone tube

that represented the native aorta. They found that the inflation-extension test was

adequate in validating this model. The inflation-extension property of the aorta was

further tested by Horný et al. (2014) in an analytical simulation, using parameters

from autopsy measurements. They established that while axial pre-stretch, which

allows the aorta to minimize deformation during systole and diastole, decreases with

age, the specified value of axial pre-stretch can still have a significant effect on the

mechanical properties of the vessel wall.

pressure exerted by uid

(a)

pressure exerted by uid

(b)

Figure 2.3: (a) Schematic of a bulge inflation test. A square sample of the artery is
fixed in a cylindrical clamp and inflated using fluid. (b) Schematic of a
static inflation-extension test, where the intact artery is pressurized from
one end with fluid



2.2. CHARACTERIZING AORTIC TISSUE EX VIVO 19

2.2.3 Dynamic loading with fluid: flow loops

Due to the vessel-wall elasticity, the blood flow is coupled with the wall deformation,

and FSI plays an important role in determining the behaviour of the aorta. Studying

the response of the aorta to dynamic loading through pulsatile flow can offer clinically-

relevant insight into the mechanisms under which healthy tissue may become diseased.

Pulsatile flow loops have been extensively used to observe the fluid mechanics

within synthetic rigid and compliant phantoms of the aorta, in addition to ex vivo

aortic samples (Gülan et al., 2012; Qian et al., 2014; Pielhop et al., 2015; Binter

et al., 2016; Najjari and Plesniak, 2016; Jeronimo et al., 2020). In studies using rigid

vessels, the focus is typically on the flow dynamics, and conclusions are drawn with

respect to the rigid vessel geometry, while studies incorporating elastic walls also look

at the structural deformation, or FSI phenomena. Regardless of the vessel stiffness,

these studies make use of established fluid mechanics techniques to capture the flow

field (i.e. particle image velocimetry and laser Doppler velocimetry), and also extend

medical imaging methods, such as ultrasound or magnetic resonance imaging, for flow

field observation.

In order to further simulate in vivo conditions a flow loop may incorporate an

expansion chamber to mimic arterial compliance (the Windkessel) and pinch valves

for increased resistance. The Windkessel effect describes the arterial blood pressure

waveform in relation to the compliance of the large elastic arteries and the resistance of

the smaller arteries, and accounts for continued vessel perfusion during diastole. The

Windkessel model approximates the heart and systemic arteries as a closed hydraulic

circuit, and relates the blood pressure to the blood flow in the aorta (Westerhof et al.,

2009). The actual Windkessel is a chamber of water with an air pocket; the large
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arteries are assumed to act as the Windkessel in the model. Figure 2.4 illustrates

the four-element Windkessel model (Stergiopulos et al., 1999). Flow loops featuring

a compliance chamber are commonly referred to as mock circulatory loops (MCL)

(Taylor and Miller, 2012). MCLs are employed to test cardiac assistive devices prior

to clinical use, and have also been used to study the dynamic behaviour of aortic

phantoms, Dacron grafts, and ex vivo vessels (Bia et al., 2005; Ferrari et al., 2019;

Amabili et al., 2020).

Heart

Windkessel

R
C

Z

L

Figure 2.4: A hemodynamic representation of the four-element Windkessel model.
The peripheral resistance, R, and the arterial compliance, C, are the basis
for the two-element model. The characteristic impedance, Z, links the
lumped Windkessel model to wave propagation, and introduces the effect
of the compliance and inertance of the proximal ascending aorta. The
fourth element, the total inertance, L, is the summation of all compliance
and inertance in the arterial system

Valdez-Jasso et al. (2011) studied the behaviour of the aorta ex vivo and in vivo

(human and ovine samples), using several viscoelastic models to predict the pressure-

area loop; they showed that the viscoelastic behaviour, primarily the phase difference

between pressure and area deformation, did not differ between ex vivo and in vivo

conditions. Thus, dynamic ex vivo inflation tests can provide valuable data to study
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arterial mechanics and to develop material models that may be extended to the in

vivo environment.

2.3 Stress-strain response of the viscoelastic aorta

All of the experimental methods previously introduced have revealed the large arteries

to be both non-linearly elastic and viscoelastic. These material qualities entail distinct

mechanical behaviour compared to typical linear elastic models and call for analysis

of time-dependent behaviour (Fung, 1993). Due to the viscous component of the

aorta, there is energy retained within the arterial wall upon unloading, which is seen

through hysteresis present in the stress-strain, and pressure-diameter curves (London

and Pannier, 2010; Tian et al., 2013). Figure 2.5 shows a typical pressure-diameter

curve for the aorta, where the hysteresis stems from a phase lag in the strain response

to the applied stress. Hysteresis loops may be used to estimate damping capacity, or

loss factor, which is associated with the ratio of the dissipated energy to the stored

energy (Rosset et al., 1996). The loss modulus, E ′′, and storage modulus, E ′ measure

the dissipated and stored energy, respectively. These viscoelastic parameters are

discussed further in Chapter 4.

While the stiffness of other biological tissues, such as ligaments, is established to

increase with deformation rate, Delgadillo et al. (2009) revealed that at a stretch ratio

of 1.5, the experienced load within the arterial wall is reduced by 20% when the strain

rate is increased from 10 to 200 %/s. They suggested that “this behaviour might be a

consequence of the faster fluidization and small re-solidification that occurs in the cell

at higher deformation rates”. Conversely, some studies have shown the stiffness of the

aorta does indeed increase with strain rate (Gaur et al., 2018), and yet another study



2.4. INSTANTANEOUS VESSEL-WALL ELASTICITY 22

diameter

p
re
ss
u
re

Figure 2.5: Typical pressure-diameter cycle for the aorta, showing a non-linear elas-
tic response. The hysteresis between the loading and unloading curves
indicates viscoelastic behaviour

found that the aorta demonstrates complete insensitivity to the applied strain rate

(Vito and Dixon, 2003). This discrepancy may be a result of specific experimental

conditions.

2.4 Instantaneous vessel-wall elasticity

For linearly elastic materials, Young’s modulus can be used to describe the material’s

elastic stress-strain behaviour. There is no analogous single-value parameter for non-

linearly viscoelastic materials, and so the instantaneous elasticity can serve as an

alternative descriptor (Lang et al., 1994). This is also known as incremental or tangent

elasticity, as the tangential slope of the stress-strain curve at each point in time is

calculated to obtain elasticity as a function of time. The slope of the pressure-diameter

curve has also been used to describe the vessel elasticity (Lang et al., 1994). There

exist other methods to determine the aortic elasticity, such as through the Moens-

Korteg equation, which relates the pulse wave velocity (PWV) to Young’s modulus
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(Bia et al., 2005). PWV is the velocity of the pressure wave traveling along the aortic

wall which can be experimentally measured. In reality, the aorta undergoes finite,

nonlinear deformations, and the Moens-Korteg equation does not account for the

dependency of elastic modulus on pressure (Lillie, 2017). The instantaneous elastic

modulus remains the simplest method from which to study the material properties

of the aorta (Lang et al., 1994).

In order to calculate the instantaneous vessel-wall elasticity of the aorta, the in-

stantaneous stress state of the wall must be known. When formulating models for the

stresses of the aortic wall, simplifying assumptions are often necessary. Such assump-

tions may include ideal cylindrical geometry and material homogeneity (Holzapfel

et al., 2000). Numerous constitutive models of varying complexity to describe the

behaviour of blood vessels have been introduced over the years (Vito and Dixon,

2003), however, the scope of this thesis remains focused on simple methods based on

vessel-wall stresses to calculate the elasticity that are relevant for clinical usage.

2.4.1 Laplace’s law

Laplace’s law, the basis for the 5.5 cm diameter threshold for elective aneurysm

repair, is commonly used to calculate the wall stresses within a compliant vessel in

the circumferential direction (σC) and longitudinal direction (σL):

σC =
p r

t
, (2.1a)

σL =
p r

2 t
. (2.1b)

The incremental elasticity can be calculated using these stress equations through

Hooke’s law (E = σ/ε), however, it is important to note that Laplace’s law assumes



2.4. INSTANTANEOUS VESSEL-WALL ELASTICITY 24

a uniform expansion (where the radius of expansion is the same along the length of

the cylinder) (Fung, 1993). The longitudinal direction is considered to be tethered,

hence the existence of the σL equation, but the stress state remains planar. Many

other pressure-area relations have made use of Laplace’s law. For example, Olufsen

(1999) used the circumferential stress equation in conjunction with Poisson’s ratio

to calculate the arterial elasticity. Laplace’s law and Olufsen’s relation are further

discussed in the introduction of Chapter 3.
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Chapter 3

An ultrasound-based approach for the

characterization of fluid–structure interaction of

large arterial vessels

3.1 Abstract

An ultrasound-based approach to characterize the fluid–structure interaction in large

arterial vessels is presented. The ultrasound-based data feeds into a new dynamic

model accounting for a two-dimensional (2D) stress state, which in turn provides a

better estimate of the material elasticity under dynamic loading. In order to validate

the semi-empirical model, a compliant, synthetic vessel was subjected to a range of

pulsatile and steady flow profiles. Ultrasound imaging was used to capture the flow

field through the compliant vessel and its change in diameter over time. Internal pres-

sure was extracted from ultrasound image velocimetry using spatial integration of the

Navier-Stokes equation, and used to find the pressure-area relationship. Two consti-

tutive laws describing a one-dimensional expansion of a cylindrical vessel, Laplace’s
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law and one from Olufsen (1999), were also used to estimate the instantaneous elas-

tic modulus. A uniaxial tensile test of the vessel material was performed to provide

validation criteria. Under steady flow, Laplace’s law predicted the elasticity of the

vessel material with 255% error and the results from Olufsen (1999) had an error

of 99%. In contrast, our developed 2D stress model predicted the elasticity with

less than 10% error. Laplace’s law and the Olufsen (1999) model were revealed to

be flow-dependent such that the trend of the resultant elastic modulus varied for

each pulsatile flow case. However, the 2D stress model showed no flow dependency,

presenting consistent elasticity results across all test cases.

3.2 Introduction

The mechanical properties of aortic tissue are of significant interest since diseases af-

fecting the integrity of the vessel wall, such as aortic aneurysms, are associated with

a high mortality risk when rupture occurs (Abdulameer et al., 2019). The arterial

wall is challenging to characterize (particularly in vivo but even ex vivo) due to the

hyperelastic and viscoelastic nature of the material (Amabili et al., 2019). To com-

pletely understand the complexity of the arterial wall and the mechanisms that may

lead to cardiovascular complications, the fluid–structure interaction (FSI), for exam-

ple, coupling of local hemodynamics and surface deformation of the arterial walls,

alongside wave propagation within the walls, should be considered. Prolonged peri-

ods of turbulent blood flow can result in abnormal aortic FSI, leading to progressive

mechanical deterioration linked to aneurysm initiation (Stein and Sabbah, 1976). In

patients with aortic valve disease, mechanical bi-leaflet replacement valves can cause

higher prevalence of 3D flow behaviour within the ascending aorta by generating three
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interacting jets (Lim et al., 1998; Balducci et al., 2004; Sigüenza et al., 2018).

It is of great interest to understand flow characteristics that accelerate disease ini-

tiation and progression (i.e. aneurysm severity, atherosclerosis development), and the

relation of these characteristics to the hyperelastic, viscoelastic aortic wall (Hamadiche

and Gad-el Hak, 2001; Canic et al., 2006). As such, the fluid flow through compliant

vessels in the context of arterial mechanics has been studied extensively through nu-

merical simulations and experimental methods. Having a model to extract vessel-wall

properties successfully in vivo (under dynamic loading) would assist both numerical

and experimental studies in modeling the FSI behaviour more accurately. The vessel

elasticity is irrefutably linked to the wall motion from fluid forcing and the resulting

wall stresses (Usmani and Muralidhar, 2016). Therefore, numerical methods make

use of available material models or data from experimental investigations to passively

impose vessel-wall motion and set the appropriate boundaries (Jin et al., 2003; Borghi

et al., 2008).

Numerical simulations of arterial FSI are beneficial since they allow thorough

investigation of the relevant flow mechanics, such as temporal wall shear stress (WSS)

and velocity of wave propagation (Park and Payne, 2011; Papadakis and Raspaud,

2019), some of which are difficult to measure experimentally, specifically in vivo. WSS

in particular is recognized as an important quantity in understanding cardiovascular

disease development (Malek and Alper, 1999; Jayendiran et al., 2018). The magnitude

of WSS has been shown to be related to the vessel stiffness (Qian et al., 2014; Pielhop

et al., 2015). Additionally, significant differences have been observed between the flow

fields in flexible and rigid aneurysmal wall models subjected to turbulent pulsatile flow

(Khanafer et al., 2009). Büsen et al. (2017) developed an in vitro setup to observe
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the effect of changing wall compliance on the pulsatile flow patterns within a silicone

model of the ascending aorta. Their results indicate that lower compliance (increased

stiffness) is associated with an increase in the temporal pressure gradient, higher mean

velocities, and decreased vortex formation.

Evidently, vessel compliance has an important effect on the resulting stresses

within the vessel wall. Non-invasive methods for material property characterization

can be of great use for understanding vascular mechanics and distribution of stiffness

over the aortic wall (Boekhoven et al., 2014). Ultrasound elastography, a non-invasive

technique for strain imaging and assessment of the elastic properties of vessels, has

recently been validated for ex vivo biological tissues by Lopata et al. (2014), though

results were obtained under static inflation conditions. The need for a method that

is capable of accurately characterizing the mechanical properties of the arterial wall

within a dynamic setting similar to in vivo conditions is clear (Pejcic et al., 2019).

This is particularly important in light of the recent findings by Ferrari et al. (2019),

where they highlighted the difference in dynamic behaviour and viscoelastic properties

between the human aorta and the Dacron grafts used for aortic replacement surgeries.

They conclude that the mismatched behaviour between the two materials may hinder

heart function.

The response of an elastic (and viscoelastic) vessel to internal pressure, manifested

through fluid loading, is quantified by the wall motion and associated strain. There-

fore, in order to describe the behaviour of arterial vessels, the relationship between

the internal pressure and structural information (e.g. cross-sectional area or wall ge-

ometry) is needed (Bia et al., 2005; Courtial et al., 2015). If the vessel is also subject
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to external pressure, the transmural pressure is the important parameter. Once es-

tablished, the pressure-area (p − A) relationship can be used to deduce the elastic

properties of the vessel material (Duclaux et al., 2010; Vappou et al., 2011). Note

that most elastic (non-biological) materials exhibit slightly non-linear behaviour. To

describe classical non-linear elasticity, an instantaneous elastic modulus can be taken

based on Laplace’s law, which associates an infinitesimal change in the vessel radius,

r, to the change in internal pressure, p:

E(t) =
∂p

∂r

r ro
h
, (3.1)

where h is the thickness of the vessel wall, and r can be measured using an appropriate

imaging technique (Fung, 1996). In Equation 3.1, p can be obtained from pressure

sensors or, given that the flow field can be measured, either through spatial integration

of the Navier-Stokes equation or a Poisson solver (De Kat and Van Oudheusden,

2012; De Kat and Ganapathisubramani, 2013). Pressure extraction from optical flow

field techniques such as particle image velocimetry (PIV) has been explored for a

wide variety of applications (Van Oudheusden, 2013); however, conventional PIV

cannot be used for studying flow inside arterial vessels due to their opacity. Use

of ultrasound to obtain PIV data within opaque structures has rapidly increased in

recent years (referred to as ultrasound imaging velocimetry, UIV) (Walker et al., 2014;

Poelma, 2017). The widespread availability of ultrasound in the medical community

lends itself well for clinically-focused fluid mechanics studies, allowing easy transition

from in vitro studies to the in vivo environment. Ultrasound images obtained for UIV

analysis also hold data pertaining to wall thickness, diameter, and surface deformation

along a single plane.
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Another common non-linear p − A relationship is that introduced by Olufsen

(1999):

E(t) =
3

4

∂p

∂r

r ro
h
, (3.2)

where ro is the initial radius of the vessel at rest (i.e. no flow). Note that Olufsen

(1999) and Laplace’s law are similar in construction, and both describe a uniform,

1D expansion of the vessel, as depicted in Figure 3.1(a). More complex constitutive

models take into account characteristics such as fibre orientation (Holzapfel et al.,

2000), residual stresses (Vaishnav and Vossoughi, 1987), and viscoelastic behaviour

(Bia et al., 2005; Fung, 1993). A comprehensive model capturing the full spectrum

of arterial properties remains impracticable due to complexity of the interactions be-

tween mechanical and physiological factors governing FSI behaviour within arteries

(Vito and Dixon, 2003). Regardless, even with more accurate models available, a

threshold diameter of 5.5 cm calculated from Laplace’s law remains the basis for

elective surgeries on aortic aneurysms (Kontopodis et al., 2016), though rupture has

been known to occur below this diameter under varying hemodynamic demands. Fig-

ure 3.1(b) shows a non-uniform (2D) expansion of a cylindrical vessel having a finite

length, which is a better approximation of in vivo conditions than the simplification

shown in Figure 3.1(a), which only considers a uniform 1D expansion. Quantifying

this stress state accurately may prove helpful in characterization of hyperelastic and

viscoelastic materials such as the aorta.

This work presents a novel ultrasound-based approach to calculate the elastic-

ity of a compliant vessel under fluid forcing resulting in a 2D, dynamic stress state.

Ultrasound imaging is used to obtain the time-resolved velocity fields (from UIV)

and compliant vessel-wall deformation simultaneously. The planar pressure field is
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(a) 1D stress (Laplace’s law) (b) 2D stress

Figure 3.1: (a) Laplace’s law assumes a one-dimensional stress state for an infinite
pipe undergoing an axisymmetric, uniform expansion. The term uniform
refers to the assumption that r1 solely describes the expansion along the
length of the pipe, Lo. The force exerted on the walls of the pipe can be
related to internal pressure by the area, A = 2r1 Lo. (b) For a finite pipe
length with boundaries fixed to rigid sections and no absolute longitudinal
movement, the expansion may be axisymmetric, though it will not be
uniform due to bulging. This results in a 2D stress state, where r2 varies
with the length of the pipe

extracted from the UIV results, which, in combination with the wall deformation, is

then used within a new 2D stress model to calculate the longitudinal and circumfer-

ential wall stresses. The resulting stresses from the model can be used to calculate

intrinsic material properties such as the instantaneous elastic modulus of the vessel

wall by applying an appropriate stress-strain relationship. Time-dependent viscoelas-

tic properties can also be obtained (i.e. dynamic storage modulus and loss modulus)

as they depend on the instantaneous elastic modulus (Amabili et al., 2019). As such,

the 2D stress model can be applied to any elastic material, including those that ex-

hibit viscoelasticity. In this study we validate the outlined approach for a non-linear

elastic, opaque vessel made out of latex under a generalized dynamic non-uniform

loading scenario. At this stage we use this simplified (synthetic) vessel to check the
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validity of the current technique with the subsequent goal to apply this novel approach

to real ex vivo vessels.

3.3 Methodology

An experimental setup compatible with ultrasound imaging was designed to study ax-

isymmetric 2D loading on opaque compliant vessels, in order to characterize material

properties and obtain the elasticity of a known (synthetic) reference material. This

section details the setup, the processing of the ultrasound data, and the derivation of

a semi-empirical model for elasticity.

3.3.1 Mock circulatory loop

Experiments were performed using a custom flow loop incorporating an opaque latex

phantom as the compliant (synthetic) vessel. Figure 3.2(a) shows a schematic of

the straight, compliant vessel. In order to allow uninhibited transmission of the

ultrasound waves, the vessel was submerged in water. The water introduced an

external pressure of 1.3 kPa on the vessel, which was considered in the calculation

of the transmural pressure. The vessel was secured with hose clamps, such that

the length of the compliant section between the supports was 55 mm. The rigid

boundaries impose a 2D stress state within the compliant vessel when the vessel

is subject to internal pressure through fluid flow, similar to the state described by

Figure 3.1(b). A bi-leaflet mechanical valve (commonly used in valve replacement

surgeries) with a diameter of 25 mm, was located 50 mm upstream from the start

of the compliant vessel. The orientation of the imaging plane was chosen to be

perpendicular to the rotational axis of the leaflets, as illustrated in Figure 3.2(b). It
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has previously been shown that the orientation of a mechanical bi-leaflet valve has

a significant effect on the local hemodynamic conditions within the ascending aorta

due to the curvature of the aorta (Gülan and Holzner, 2018).

Since the test vessel is straight, altering the orientation of the valve does not

introduce any wall stress concentrations (Marassi et al., 2004). The upstream pipe

diameter prior to the valve was 31.8 mm, the vessel’s inner diameter, d, was 25.4 mm

at rest, and the entrance length was 27d. The vessel diameter was chosen to be within

the normal size range for adult aortas in order to allow easy transition to future ex

vivo experiments (Roman et al., 1989). A fully-programmable pump (MCP-Z Process,

Ismatec) was used to generate flow, where the working fluid was water. The pressure

upstream and downstream of the compliant vessel was measured at 1000 Hz using

Omega PX409 sensors. The pump and pressure sensors were controlled by a custom

LabVIEW program. The entire setup during a cyclic expansion can be seen in the

supplementary video “Supplementary Video 3-1.avi”.

Eighteen pulsatile cases were recorded, for which the flow rate followed a cosine

waveform described by three parameters: mean Reynolds number (Rem = Umd/ ν),

Strouhal number (St = fUm/d), and amplitude ratio, represented by β and defined as

β = (Repeak−Rem)/Rem. For each Rem a steady flow case was recorded (represented

by β = 0), resulting in a total of 21 cases, with 18 pulsatile flows and 3 steady flows.

Table 3.1 lists the values of each non-dimensional parameter for the test cases. The

variation of transmural pressure over one cycle matched the typical pressure variation

observed in vivo during a cardiac cycle (i.e. a 40 mm Hg difference between systole

and diastole) for all three cases described by β = 1.0, St = 0.2.



3.3. METHODOLOGY 34

x

y

d

mechanical valve

pressure sensors

latex phantom

ultrasound probe

microbubbles

(a)

open lea�ets

imaging plane

ultrasound probe

z

y

(b)

Figure 3.2: (a) Close-up of the compliant vessel within the flow loop. The vessel is
submerged within a tank of water, in order to provide external pressure to
mimic in vivo conditions, and allow transmission of the ultrasound waves.
Pressure sensors are installed right before and after the compliant vessel
attachments, with the valve located 50 mm upstream from the start of
the compliant vessel. The y- and x- lengths are normalized by d/2, where
y = 0 is at the centerline. The flow is seeded with micro-bubbles that
reflect the ultrasound waves. (b) The probe is oriented with respect to
the valve such that the imaging plane is perpendicular to the open leaflets
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Table 3.1: Non-dimensional parameters for the 18 pulsatile cases as well as the 3
steady cases. The Strouhal and Reynolds numbers are calculated based
on the mean flow velocity, Um. The amplitude ratio, β, is defined as the
ratio of the difference in peak Reynolds number and the mean Reynolds
number, to the mean value. The frequency of the cosine waveform is
represented by f

Parameter Definition Values

Rem Umd/ν 800, 1000, 1200

St fUm/d 0.1, 0.2, 0.3

β
Repeak−Rem

Rem
0, 0.5, 1

3.3.2 Ultrasound image velocimetry

In order to perform ultrasound particle image velocimetry (UIV), the flow was seeded

with Definity contrast agent (perflutren injectable suspension), referred to as micro-

bubbles. Ultrasound micro-bubbles are an effective means of visualizing flow as they

are designed to have a high acoustic impedance, resulting in high contrast images.

The neutrally-buoyant micro-bubbles have a diameter between 1-10 microns and,

at a concentration of approximately 1% by volume, are assumed to follow the fluid

flow without introducing any changes to said flow. B-mode ultrasound images were

acquired using a SonixTouch Q+ (Research) ultrasound machine with a L14-5/38

linear probe. Ultrasound settings (i.e. dynamic range, gain, power, frequency) were

adjusted to obtain high contrast images without bursting the micro-bubbles. The

rejection setting in ultrasound imaging was set to zero and gain was adjusted to be

20%. To achieve a high frame rate only 50% of the sector was used, resulting in
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125 frames per second with a line density of 192 and depth of 4.2 cm. This was the

minimum depth that allowed the entire vessel to be in view during the highest flow

rate. To ensure good spatial resolution, particle displacement should not exceed 20

pixels per time step. Therefore, at the maximum frame rate, the flow was limited

to a peak Reynolds number of 2500. The highest Re values seen in the ascending

aorta cannot be studied with this experimental setup due to the frame rate limitation

of the ultrasound system. The flow profiles presented in Section 3.3.1 are, however,

analogous to flow velocities in the abdominal aorta. To validate our ultrasound and

UIV setup, a fully-developed laminar flow in a rigid pipe was tested first and these

results were compared with the theoretical Hagen-Poiseuille velocity profile, as shown

in Figure 3.3(a). A good match (within 5%) between experimental and theoretical

velocities was observed.

The field of view (FOV) for the compliant pipe is shown in Figure 3.3(b). An

example of the raw ultrasound data is provided as the supplementary video “Supple-

mentary Video 3-2.avi”. Due to wall motion in pulsatile flows, a MATLAB script was

first used to detect the elastic wall in each frame, and automatically mask the images

to enhance the background subtraction during the image processing step. The edge

detection code begins by splitting each image into 4 areas – areas 2 and 4 contain the

upper and lower edges, respectively. All pixels in these two areas are checked for a

certain luminosity threshold, and if a pixel, in addition to at least two of its neigh-

bors, is above a specified threshold the pixel is identified as part of the outer vessel

wall. Any gaps in the detected edge are filled in by spline interpolation, and any

pixels above the upper edge or below the lower edge are assigned a value of zero. The

acquired images were then processed using Davis 8.4 (LaVision) to obtain velocity
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maps. Background noise was reduced by subtracting a Gaussian sliding average fil-

ter. Subsequently, the PIV sliding sum-of-correlation algorithm was used, for which a

multi-pass option with decreasing window size (from 64 to 24 pixels with 75% overlap

in the last step) was chosen. Since the primary motivation for obtaining velocities

was to extract pressure, which requires velocity gradients, a 75% overlap was used in

the last step to increase spatial resolution of the velocity vectors and thereby the reso-

lution of the second-order central difference derivatives. In the vector post-processing

step, allowable displacement range, correlation peak ratio, and median filters were

applied. Velocity results were also smoothed using a 3x3 smoothing function.

The instantaneous diameter, d = 2r, is calculated at the middle of the ultrasound

FOV (assumed to be the maximum diameter at the furthest point from the rigid

boundary conditions) through edge detection. Error in detection of d was ±0.1 mm.

There is a trade-off between accuracy in edge detection and image quality for UIV, as

ideal ultrasound settings for particle detection (i.e. gain, rejection number) are not

the ideal settings for wall thickness detection. Thus, the instantaneous wall thickness

(h) could not be resolved from the ultrasound images and was assumed to be fixed

over each cycle.

Pressure-field extraction

The pressure field was extracted from the UIV results with integration of the Navier-

Stokes equation, where viscous terms were found to be negligible:

∇ p = −ρ
[

du

dt
+ u · ∇u

]
, (3.3)
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(a) Rigid pipe

FOV

microbubbles

vessel wall

(b) Compliant pipe

Figure 3.3: (a) Steady velocity profile verification of UIV within a rigid pipe. (b) Raw
ultrasound image of steady flow from left-to-right within the compliant
vessel (Re = 2400), where the width of the FOV is 19.2 mm and is
centered away from the rigid boundaries

where ρ is the density of the working fluid. Extraction of pressure from the in-

stantaneous velocity field is described in De Kat and Van Oudheusden (2012); De

Kat and Ganapathisubramani (2013); Van Oudheusden (2013). Here, since only the

spatially-averaged pressure field was required, we used a spatial integration method

for its simplicity instead of a Poisson solver. As such, for all test cases the pressure

along the centerline of the area of interest (AOI) was first established using ∂p/∂x,

with the reference pressure obtained from the upstream sensor. The pressure in the

y-direction along each column was then found through integration of ∂p/∂y starting

from the centerline. The AOI for the pulsatile cases was found for each frame based

on the area of the instantaneous velocity map. The average pressure over the en-

tire AOI was taken as the extracted pressure at each instant in time. The resulting

waveform was then filtered using a Savitzky-Golay filter. Figure 3.4(b) shows the
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(a)

C

(b)

Figure 3.4: (a) Example of ultrasound image used for edge detection. The green line
represents the centerline between the two edges. Circumferential strain,
εC , is defined as (r − ro)/(ro). Longitudinal strain, εL, is defined as
(L− Lo)/(Lo), where Lo is the length between the rigid boundaries, and
L is the instantaneous length of the vessel wall found by extrapolating the
line describing the edge within the FOV ( ) to the rigid boundaries. (b)
Internal pressure versus circumferential strain for all cases at St = 0.2.
Some inconsistencies in the pressure-strain relationship are seen across
the six cases, arising from the error in the pressure extraction

pressure results for all test cases with St = 0.2 plotted against the circumferential

strain, εC = (r − ro)/(ro).

3.3.3 Semi-empirical model for elastic modulus

Figure 3.5(a) illustrates a cross section of an axisymmetric compliant vessel in a 2D

stress state, representative of the conditions found in the current experimental setup.

The 2D stress state is also a better approximation to in vivo conditions than the two

commonly used p − A relationships (i.e. Laplace and Olufsen) discussed previously,

which only describe uniform, 1D free-end cylindrical expansion.

When subjected to fluid forcing, the elastic vessel experiences longitudinal and
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(a) (b)

Figure 3.5: (a) A cross-sectional element of the compliant vessel under bi-directional
stress showing the circumferential stress (σC) and longitudinal stress (σL)
components, with the assumption of axisymmetry about the x-direction.
Radial stress is assumed to be negligible. The light blue highlighted sec-
tion is taken as an arbitrary differential element for force analysis, where
the angle between the tangent of the wall and the x-direction is defined as
θ. (b) Observing the highlighted section from (a) in the y−x plane (such
that φ = 90◦), we can see that the force of tension is acting in plane,
where an infinitesimal change in θ, the angle between the horizon and
the direction of tension, results in an infinitesimal change in said tension
force, along the differential element. The force arising from internal pres-
sure acts on a differential area, and is always perpendicular to the surface
of the vessel

circumferential stress, labeled σL and σC , respectively. The circumferential stress is

effectively acting in the y-direction, while the longitudinal stress originates from the

force of tension, T , acting tangent to the wall, such that T = σLr dφ h, where φ is

the angle describing the circumferential position from the centerline of the vessel.

Figure 3.5(b) shows a differential element within the vessel wall and the forces acting

on said element. The pressure acting on the differential area is shown to be balanced

with the in-plane tension at one instance in time, yielding an x-direction force balance,

and a y-direction force balance (Molki and Breuer, 2010). These force equations can
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be manipulated to obtain the longitudinal and circumferential stress (Equation 3.4

and Equation 3.5 respectively) within the vessel. The derivation of the following

stress equations is detailed in Appendix A:

σL =

∫ x2
x1
p r sin θ

√
1 + ( dy

dx
)2 dx

h r cos θ
∣∣∣x2
x1

, (3.4)

σC =

∫ x2
x1
p r cos θ ds+ σL h r sin θ

∣∣∣x2
x1

h
∫ x2
x1
ds

. (3.5)

Having resolved the instantaneous stress state, the elastic modulus can be calcu-

lated incrementally at each instant in time, allowing for characterization of viscoelastic

materials in addition to classically linear elastic materials. A viscoelastic material can

be modeled with high accuracy by the standard linear solid model:

σ + τ
∂σ

∂t
= E ε+ τ(E + E1)

∂ε

∂t
. (3.6)

where τ is the relaxation time of the material. For a reference on modeling viscoelas-

ticity, the reader is referred to Findley et al. (1976). Since the compliant vessel in

this validation study is composed of a non-viscoelastic material, τ is set to zero and

the material is assumed to be purely elastic. Equation 3.6 is then simplified to a in-

stantaneously linear stress-strain relation, where E(t)= σ/ε. Circumferential strain,

εC , is calculated based on the diameter change obtained from ultrasound images, and

longitudinal strain, εL, is calculated as εL = (L−Lo)/Lo. L is the length of the edge

of the vessel, and is found from taking the integral of ds over the distance between

the two rigid boundaries, Lo. Figure 3.4(a) illustrates the variable definitions used to
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calculate both strains from a raw ultrasound image.

Given that elasticity is an intrinsic property, elastic modulus values calculated

from different stress states are expected to match – assuming that the stresses and

the stress-strain response of the material are resolved correctly. The elastic modulus

obtained from the stress equations may be compared to that of any other mechanical

test. To the best of the authors’ knowledge, no previous studies have presented the

elasticity of latex at the strains of interest in this paper. Therefore, in order to validate

the 2D stress model, elasticity results from uniaxial tensile testing of dog-bone samples

of the latex were collected. These tests were performed on a BOSE Instron machine,

with three samples, where two of the samples were cut from the latex vessel used for

the flow-loop tests. Comparison is also made to elasticity values found from Laplace’s

law and Olufsen (1999), using the extracted pressure and circumferential strain.

3.4 Results and discussion

3.4.1 Flow and pressure fields

Figure 3.6 illustrates an example of the UIV results and extracted pressure field

during the acceleration phase, for the Rem = 1000, β = 1.0, St = 0.2 case. The sup-

plementary video “Supplementary Video 3-3.avi” shows the flow and pressure fields

over one cycle for this test case. The velocity maps obtained with UIV show the for-

mation of a vortex ring during the acceleration phase. The wall expansion acts like

a backward-facing step that causes separation and formation of the vortex ring. The

vortex ring propagates along the wall and is then followed by a fully-formed jet at the

peak of the cycle. The development of the jet was similar across all test cases. The

FOV of the ultrasound is far enough downstream that the three separate jets created
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by the mechanical bi-leaflet valve are not captured. Mild asymmetries in the flow

are possibly the result of turbulent disturbances from the valve leaflets. These flow

asymmetries are not believed to be strong enough to alter local wall expansion due

to the finite vessel length, and the wall expansion is mainly affected by the averaged

internal pressure. At the point in time shown in Figure 3.6, the vortex ring travels

along the length of the vessel, and the extracted pressure captures the local pressure

within the vortex core region.

Figure 3.6: Snapshot of the axial flow and pressure fields during the acceleration
phase for Rem = 1000, β = 1.0, St = 0.2. The extracted pressure field
captures the low pressure structures passing through the FOV. The non-
dimensional time, t∗, is calculated as t/Tp, where Tp is the period of the
waveform

Velocity and pressure results are not discussed for the other cases, as these results

were only used to obtain the pressure that is required to calculate the elastic modulus
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based on Equation 3.5.

3.4.2 Elastic modulus

The elasticity values obtained from Laplace’s law (Equation 3.1), Olufsen (1999)

(Equation 3.2), and the 2D stress model (Equation 3.5) under the steady flow cases

are presented in Figure 3.7. The results from the uniaxial test across the strain range

of interest shows a steady and gradual linear decrease in elastic modulus corresponding

to increasing strain. The elastic modulus calculated from Laplace’s law has an error

of 255%, and shows a slight increase in magnitude with increasing Rem. The values

obtained from Olufsen (1999) over-predict the elastic modulus with 99% error, but

indicate a decreasing trend over the Reynolds number (strain) range, similar to the

trend of the uniaxial test. The 2D stress model matches the uniaxial results, with

less than 10% error.

Figure 3.8 illustrates the elasticity results obtained under 18 different pulsatile flow

conditions, categorized by St. For the same St and Rem, if β is increased from 0.5 to

1.0, the strain range will increase, expanding in either direction, where the mean strain

value is dependent on the mean Reynolds number. The intrinsic material properties

of the vessel between any two test cases are expected to be independent of the flow,

such that the elasticity values across the respective strain ranges agree with each

other in magnitude and trend. The results from Equation 3.1 and Equation 3.2 are

evidently flow dependent, meaning that various elasticity trends are observed across

all St, β, and Rem values.

The extracted pressure for the six cases at St = 0.3 had more variation present

than the other Strouhal numbers. This is likely due to the higher amount of mixing
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C

Figure 3.7: Instantaneous elastic modulus, E, versus circumferential strain for the
three test cases under steady flow described by the mean Reynolds num-
ber. Laplace’s law and Olufsen (1999) significantly over-predict the elastic
modulus, by 255% and 99%, respectively, while the 2D stress model shows
good agreement with the uniaxial results

and stronger 3D behaviour associated with higher frequencies, as the ultrasound is

limited to planar measurement and the pressure extraction is based on an assumption

of 2D flow. The impact of this variation is evident in the results from Equation 3.1

and Equation 3.2, while the 2D stress model is relatively unaffected. The elasticity

results from the 2D stress model still overlap between the six cases at St = 0.3, and

the general trend and magnitude over the entire strain range remains the same as for

the lower Strouhal numbers. For any single Strouhal number there is qualitatively

less variance between the six test cases in the modulus values obtained from the 2D

stress model, than those from Laplace’s law and Olufsen (1999).

Across all three St values, there are a few more general trends: Laplace’s law
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over-predicts the magnitude of elasticity up to 250%, and the results from Olufsen

(1999) over-predict the magnitude up to 90%, error values similar to that observed for

the steady cases. The 2D stress model provided more accurate results with a slight

underprediction of the modulus. The significant difference between the 1D theories

and the 2D stress model results observed in Figure 3.8 likely stems from the fact that

the classical theories only consider circumferential stresses, while the current exper-

imental setup also imposes non-negligible longitudinal stresses within the compliant

vessel. At low strains, Laplace and Olufsen (1999) show a sharp decrease in the elas-

ticity with increasing strain, while at higher strains, the two laws generally indicate a

gentle decline in elasticity. The 2D stress model indicates a slight non-linear decline

in elasticity at low strains, and above a strain of 0.2, the model shows a stronger

linear trend similar in slope to that of the uniaxial test results.

The main sources of error in the elasticity measurements arise from the edge detec-

tion algorithm, including the initial detection and fitting of a line to the vessel edge,

and the thickness of the wall (which could not be resolved instantaneously). The total

error quantified for the 2D stress model from the vessel-edge fitting is ±15%, shown

through error bars in Figure 3.8. The underestimation of the elasticity by the 2D

stress model may also be a result of the discrepancy between the reference pressure

and the extracted pressure field. The pressure sensor is upstream of the FOV, and

therefore likely leads to a lower extracted pressure than the actual average pressure

within the FOV. Though the data were phase-averaged, the limited memory of the

ultrasound system allowed only 3-4 cycles to be recorded for certain pulsatile flow

cases. The extracted pressure presented in this paper is therefore effectively instan-

taneous, which is associated with higher error in comparison to extracted pressure
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using sufficiently time-averaged data (Laskari et al., 2019).

3.5 Conclusions

This study presents an ultrasound-based approach to calculate the elasticity of non-

linear compliant vessels subject to dynamic fluid-forcing conditions. Ultrasound imag-

ing was used to simultaneously capture the deformation of the compliant vessel wall

and to extract internal pressure. The instantaneous, planar pressure fields within the

opaque vessel were extracted from the UIV-computed velocity fields. Evaluation of

the same ultrasound images using edge detection yielded an instantaneous measure

of the vessel-wall expansion, which, when coupled with the extracted pressure, was

used within a newly developed 2D stress model to calculate the instantaneous elastic

modulus.

The 2D stress model was validated against a non-linear elastic opaque material

with known properties subjected to cylindrical loading conditions through steady and

pulsatile flows. For steady flow, the 2D stress model agreed closely with the known

elasticity value. For the pulsatile cases, the elasticity was independent of Strouhal

number and amplitude ratios, but the magnitude was slightly underpredicted. This

underestimation is likely a result of errors propagating through the pressure extrac-

tion and edge detection algorithms. In comparison, two constitutive models based

on a 1D uniform expansion (Laplace’s law and Olufsen (1999)) significantly over-

predicted elasticity for all strain values tested and were inconsistent across all tested

flow conditions. Consideration of wall inertia, rather than a quasi-steady assumption,

could aid in improving the accuracy of the 2D stress model when resolving the stress

state of an elastic vessel subject to dynamic loading.



3.5. CONCLUSIONS 48

(a) St = 0.1

(b) St = 0.2

(c) St = 0.3

Figure 3.8: Instantaneous elastic modulus calculated from Laplace’s law, Olufsen
(1999), and the 2D stress model (Equation 3.5) for the six pulsatile cases
(Rem = 800, 1000, 1200 and β = 0.5, 1.0) defined by (a) St = 0.1, (b)
St = 0.2, and (c) St = 0.3, in comparison to the modulus obtained from
the uniaxial testing. The method presented in this paper provides con-
sistent results that are independent of flow conditions (i.e. Re, St). Note
the difference in the scale of the x-axes between figures
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The use of ultrasound imaging demonstrates how the approach is readily applica-

ble to ex vivo measurements of opaque vessels, such as the aorta. A modification to the

stress-strain relationship used within the model – the inclusion of the time-dependent

parameters in Equation 3.6 – will allow the viscoelastic aorta to be evaluated in a

controlled setting. Incorporation of the ascending aorta into this experimental setup

will present unique difficulties, primarily that a new method of attachment of the

soft tissue to the rigid boundaries will need to be considered, as the ascending aorta

is already quite short in length. Further development of this new method to extract

material properties reliably will be focused on application to the ex vivo environment.
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Chapter 4

Characterization of the dynamic viscoelastic

response of the ascending aorta imposed via

pulsatile flow

4.1 Abstract

This study characterizes the material properties of a viscoelastic, ex vivo porcine as-

cending aorta under dynamic-loading conditions via pulsatile flow. The deformation

of the opaque vessel wall and the pulsatile flow field inside the vessel were recorded

using ultrasound imaging. The internal pressure was extracted from the pulsatile flow

results and, when coupled with the vessel-wall expansion, was used to calculate the

instantaneous elastic modulus from a novel, time-resolved two-dimensional (i.e. axial

and circumferential) stress model. The circumferential instantaneous elasticity ob-

tained from the two-dimensional stress model was found to match the uniaxial tensile

test for strains below 50%. The agreement in elasticity between the two stress states

reveals that the two-dimensional stress model accurately resolves the circumferential

stress of the viscoelastic aorta at physiological strains (8%-30%). At higher strains,
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results from pulsatile flow generated a more compliant response than the uniaxial

measurements. Viscoelastic properties (storage modulus and loss factor) were also

calculated using the two-dimensional stress model and compared to those obtained

from uniaxial tests. While instantaneous elasticity matched between the cylindrical

and uniaxial loading, the viscoelastic behaviour significantly diverged between stress

states. The storage modulus obtained from the pulsatile flow data was dependent

on mean Reynolds number, while the uniaxial storage modulus results exhibited a

strong inverse dependency on the frequency. The loss factor for the pulsatile flow

data increased alongside the frequency, while the uniaxial data indicated a constant

loss factor over the entire frequency range. The results of the current study sup-

port the potential use of the two-dimensional stress model to accurately extract the

material properties of the in vivo aorta.

4.2 Introduction

The development of cardiovascular (CV) diseases, such as aneurysms, is associated

with changes in the micro-structure of the hyperelastic and viscoelastic arterial wall

(Niestrawska et al., 2016). Such changes are linked to the arterial wall mechanical

properties (Watton and Hill, 2009). Hence, it is important to be able to accurately

characterize macro physical properties of the aortic wall in order to understand the

mechanical relation to disease progression.

Numerous studies have explored the material properties and behaviour of the

healthy and diseased aorta in an ex vivo environment with data obtained through uni-

axial and biaxial tensile tests (Ferrara et al., 2016; Kamenskiy et al., 2014; Khanafer
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et al., 2011; Duprey et al., 2016). However, inside the body the aorta is under cylindri-

cal stress and is subject to dynamic loading with each cardiac cycle (Bergel, 1961a,b).

Since the presence of turbulence and recirculation has been linked to aneurysm initia-

tion, there is a benefit to furthering our understanding of how certain flow character-

istics may accelerate disease within the aortic wall (Stein and Sabbah, 1976). To fully

understand the mechanisms that may lead to CV complications, the fluid–structure

interaction (FSI) of the aorta, specifically, coupling of local hemodynamics and sur-

face deformation of the arterial walls, should be examined (Fung, 1996; Borghi et al.,

2008). For that reason, there has been increased focus on dynamic flow experiments

that mimic cylindrical in vivo loading conditions to observe the behaviour of both

real tissue and phantom vessels (Bia et al., 2005; Veljković et al., 2014; Valdez-Jasso

et al., 2011; Amabili et al., 2020). Figure 4.1 illustrates the dynamic nature of the

FSI of the ascending aorta. The expansion of the aortic walls as a result of fluid

forcing is directly coupled with the physical properties of the wall.

Dynamic flow testing can reveal important information regarding the mechanics

of the aorta, including the arterial wall stiffness (Oh, 2018). Two common methods

to characterize arterial wall stiffness are pulse wave velocity (PWV), and the incre-

mental (instantaneous) elasticity (Bia et al., 2005). PWV is the speed at which the

pressure wave originating from the heart propagates along the compliant vessel wall,

and can be found using the Moens-Korteweg equation (Shahmirzadi et al., 2012).

This equation relates the PWV to the Young’s modulus, which typically is obtained

from ex vivo uniaxial testing of the vessel wall (Akhtar et al., 2011). While PWV

can yield a patient-specific metric for arterial stiffness, its reliance on the Young’s

modulus, a single-value parameter which assumes linear elasticity and homogeneity
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Figure 4.1: As a result of the fluid forcing during systole, the aorta expands from
the dotted black line to the solid red line; the blue area represents the
associated increase in volume. The black dashed line marks the distal
end of the ascending section. P1 and P2 signify the pressure locations
analogous to those in the experimental setup of the current study (see
Figure 4.4)

across the population, is in itself a gross simplification. As an alternative, models for

the instantaneous elasticity may be considered as a useful patient-specific parameter

for clinical correlations (Bergel, 1961a; Humphrey and Holzapfel, 2012).

To determine the instantaneous elasticity, the instantaneous vessel-wall stresses

are required. Laplace’s law, which describes the circumferential stress of a pressurized

vessel as related to the internal pressure and radius (Fung, 1993), is often used to find

the instantaneous elasticity in the circumferential direction (Riley et al., 1992; Cour-

tial et al., 2015). However, the Laplace relation assumes a free-end, constant-radius

expansion resulting in a one-dimensional (1D) stress state. The current threshold

of a 5.5 cm diameter for elective repair of an aortic aneurysm is based on Laplace’s

law, yet aortic dissection has been known to occur at diameters smaller than 4.5 cm

(Avanzini et al., 2014). As the aorta does not undergo free-end expansion in vivo,
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a simple 1D stress state does not adequately capture the complex stress dynamics

(Wang et al., 2018).

To address this critical oversimplification of the stress state, as described by

Laplace’s law, a novel time-dependent stress model has been developed based on

the forces acting on an axisymmetric compliant vessel in a two-dimensional (2D)

stress state. We have previously validated this time-resolved 2D stress model for a

synthetic, non-linearly elastic vessel with known material properties (Pejcic et al.,

2020). In this study, complementary to previous studies of dynamic flow tests, a flow

loop with a compliant (synthetic vessel) section was constructed, where ultrasound

imaging was used to simultaneously collect structural deformation of the vessel (in

response to a cosine flow profile) and the flow field within the vessel. For this simple

elastic material, the 2D stress model predicted instantaneous elasticity better than

Laplace’s law under both pulsatile and steady-flow conditions. However, in reality

the arterial wall is viscoelastic, and so it is critical to establish whether the time-

resolved 2D stress model can accurately predict the instantaneous elasticity of a real

viscoelastic material, such as a porcine aortic sample.

In addition to the instantaneous elasticity, viscoelastic parameters such as the

storage modulus, E ′, and loss factor, η, are required in order to fully describe the time-

dependent dynamics of the aorta (Haddad, 1995). These parameters are typically

obtained from a uniaxial testing configuration, while dynamic flow tests often focus on

studying the pressure-area relation and obtaining relevant parameters for viscoelastic

models. Most recently, Amabili et al. (2020) studied the non-linear dynamics of

excised human descending aortas within a mock circulatory loop using laser Doppler

vibrometers to measure the diameter of the aorta in two orthogonal directions. Their



4.3. MODEL FOR INSTANTANEOUS VESSEL-WALL STRESSES 55

study presented the dynamic storage modulus and loss factor of the human aortic

wall, obtained from a cylindrical loading configuration and grouped by donor age.

The results from the mock circulatory loop were briefly compared to uniaxial tests.

To expand on these findings, the next step would be to explore the effect of flow

parameters (e.g. Strouhal and Reynolds numbers) on the viscoelastic properties of

the aortic wall in depth, and quantify differences in behaviour from classical uniaxial

testing.

Thus, the primary objective of the present study is to obtain and compare the ma-

terial properties of a sample porcine aorta under uniaxial and cylindrical stress states.

Elasticity, a physical property that is intrinsic to the material, is expected to match

between the two stress states. First, we aim to demonstrate that the novel time-

resolved 2D stress model yields an accurate prediction of the instantaneous elastic

modulus for realistic viscoelastic materials under cylindrical loading. Subsequently,

vessel-wall material properties such as storage modulus and loss factor will be ex-

tracted from the raw ultrasound results and studied in comparison to results from

a uniaxial stress state. This paper presents instantaneous elasticity and viscoelastic

properties of the ex vivo porcine ascending aorta, extracted using ultrasound data,

with consideration of the long-term goal to extend the 2D stress model to in vivo

analysis of human aortas.

4.3 Model for instantaneous vessel-wall stresses

Figure 4.2(a) shows the cross section of a compliant vessel in an axisymmetric, 2D

stress state, modeling the current experimental setup detailed in Section 4.4.2. When
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(a) (b)

Figure 4.2: (a) A cross-sectional view of the compliant vessel showing the circumfer-
ential and longitudinal stress components that arise from the fluid forcing,
where radial stresses are negligible. The expansion is assumed to be ax-
isymmetric about the x-direction. (b) A force analysis is performed on
an arbitrary differential element (light blue highlighted section in Fig-
ure 4.2(a)), where the angle between the tangent of the wall and the
x-direction is defined as θ. Focusing on this element in the y − x plane,
the force of tension is seen to be acting in plane. An infinitesimal change
in angle, dφ, between the horizon and the direction of tension results in an
infinitesimal change in said tension force, along the differential element.
Figure adapted from Pejcic et al. (2020)

pressurized through fluid forcing with rigid boundary conditions at the inlet and out-

let, the compliant vessel experiences longitudinal and circumferential stress, labeled

σL and σC , respectively. The vessel expansion is assumed to be axisymmetric. The

longitudinal stress originates from the force of tension, T , acting tangent to the wall

along the y− x plane. Figure 4.2(b) shows the forces acting on a differential element

of the vessel wall. For each time step, the pressure force (pdA), acting perpendicular

to the surface of the vessel, is balanced with the in-plane tension; from this we can re-

solve an x-direction force balance, and a y-direction force balance (Molki and Breuer,
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2010). The force contribution from the acceleration of the wall is O(10−6 N), and is

considered negligible. The two quasi-steady force balance equations can be used to

obtain the instantaneous longitudinal and circumferential stress (Equation 4.1 and

Equation 4.2 respectively) of the vessel wall. The derivation of the following stress

equations is presented in our previous study (Pejcic et al., 2020):

σL(t) =

∫ x2
x1
p r sin θ

√
1 + ( dy

dx
)2 dx

h r cos θ
∣∣∣x2
x1

, (4.1)

σC(t) =

∫ x2
x1
p r cos θ ds+ σL h r sin θ

∣∣∣x2
x1

h
∫ x2
x1
ds

. (4.2)

As the stresses do not depend on any material constants, the above equations

may be directly applied to viscoelastic materials. In the current study, we present

the instantaneous elastic modulus of the aorta, E(t), equivalent to σ(t)/ε(t), where

ε(t) represents the instantaneous strain. Therefore, any further reference to elasticity,

or elastic modulus, is meant to represent the infinitesimal slope, or the instantaneous

behaviour.

4.4 Experimental methods

4.4.1 Aorta preparation

A porcine heart with the aorta attached was obtained from a local butcher (Quinn’s

Meats Ltd., Kingston, Ontario). After excision of the aorta from the heart, the sur-

rounding connective tissue, and valve tissue on the proximal side, was cleaned out

and the aorta was cut into three sections - the ascending aorta, the aortic arch, and
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the descending aorta. The aortic section of interest within this paper is the ascending

aorta, which experiences the highest flow velocities and wall stresses of the vascula-

ture; consequently, sixty percent of thoracic aortic aneurysms involve the ascending

aorta (Mathur et al., 2016). Figure 4.3 shows the isolated ascending section. After

the experiments were performed within the flow loop (outlined under Section 4.4.2),

the aorta was cut into two circumferential strips for uniaxial testing.

uniaxial test strips

proximal end

d

Figure 4.3: Ascending portion of the porcine aorta after removal from the pulsatile
flow experiments. The length of the ascending aorta incorporated into
the flow loop was 35 mm. The top right corner shows the strips that were
used for uniaxial testing, cut out after the pulsatile flow experiments from
the circumferential direction

4.4.2 Flow loop setup

Experiments were performed using a custom flow loop incorporating a section of the

ascending aorta. Figure 4.4 shows a schematic of the vessel. The aorta was submerged

in a tank of saline solution to ensure the tissue did not dry out throughout the course

of the experiment; the solution also allowed uninhibited transmission of ultrasound

waves. The ends of the aorta were covered with sections of Dacron graft to prevent

damage (Krüger et al., 2015), and were then connected to rigid supports using hose
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x

y

d

mechanical valve

pressure sensors

ascending aorta

ultrasound probe

microbubbles

graft section

Figure 4.4: Schematic of the vessel within the flow loop. The vessel is submerged
within a tank of saline solution, in order to allow transmission of the
ultrasound waves. Pressure sensors are installed at the inlet and outlet
of the vessel attachments, with the valve located 45 mm upstream from
the start of the vessel. The flow is seeded with micro-bubbles that reflect
the ultrasound waves

clamps. The rigid boundaries imposed a 2D stress state on the compliant vessel.

The proximal side of the aorta is generally assumed to be rigid. The length of the

compliant section between the supports was 35 mm. A bi-leaflet mechanical valve

(commonly used in valve replacement surgeries) was placed 45 mm upstream from

the start of the compliant vessel; the orientation of the ultrasound imaging plane

was chosen to be perpendicular to the rotational axis of the leaflets. The upstream

pipe diameter prior to the valve was 31.8 mm to allow for valve placement, and the

diameter downstream of the valve was gradually reduced to that of the vessel’s inner

diameter, d, which was 19.1 mm at rest. A positive displacement pump (MCP-Z

Process, Ismatec), controlled by a custom LabVIEW program, was used to generate

the pulsatile flow. The working fluid was distilled water. The pressure upstream and

downstream of the vessel was recorded using Omega PX409 sensors.

The compliant vessel was subjected to fluid forcing through a cosine waveform
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Table 4.1: Non-dimensional parameters used to describe the fluid flow within the
ascending aorta

Parameter Definition Values

Rem Umd/ν 600, 800, 1000

St fUm/d 0.1, 0.2, 0.3

β
Repeak−Rem

Rem
0.5, 1

described by three parameters: mean Reynolds number (Rem = Umd/ν), Strouhal

number (St = fUm/d), and amplitude ratio, defined as β = (Repeak − Rem)/Rem.

The values for the flow parameters are listed in Table 4.1.

4.4.3 Ultrasound image velocimetry

The flow field inside the compliant vessel was obtained through ultrasound particle

image velocimetry (UIV) (Poelma, 2017). The working fluid was seeded with tracer

particles (ultrasound contrast agent consisting of a perflutren injectable suspension).

These tracer particles, referred to here as micro-bubbles, are assumed to follow the

flow without any external effects, and yield high contrast images for UIV. B-mode

ultrasound images were acquired using a SonixTouch Q+ (Research) ultrasound ma-

chine with an L14-5/38 linear probe. A frame rate of 162 frames per second was

achieved with a sector width of 50% and a depth of 3 cm. This frame rate limited

flow velocities to a peak Reynolds number of 2000. Figure 4.5 shows the field of

view (FOV) for the ascending aorta section. Acquired ultrasound images were pro-

cessed using Davis 8.4 (LaVision) to obtain the ensemble-averaged velocity fields.
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vessel edge

microbubbles

FOV

Figure 4.5: Raw ultrasound image of steady flow from left-to-right within the aorta
(Re = 600), where the FOV is centered away from the rigid boundaries,
and has a width of 19.2 mm

Background noise was reduced by subtracting a Gaussian sliding average filter. Sub-

sequently, the sliding sum-of-correlation algorithm was used, for which a multi-pass

option with decreasing window size (from 64 to 24 pixels with 50% overlap in the

last step) was chosen. In the vector post-processing step, allowable displacement

range, correlation peak ratio, and median filters were applied. Velocity results were

also smoothed using a 3x3 smoothing function. The instantaneous diameter, d = 2r,

is calculated at the middle of the ultrasound FOV (assumed to be the maximum

diameter at the furthest point from the rigid boundary conditions) through edge de-

tection. The instantaneous wall thickness (h) was also calculated for each time step;

the maximum change in wall thickness over a cycle for the test case with the largest

deformations (Rem = 1000, β = 1.0, St = 0.1) was 0.25 mm. Error in detection of d

and h was estimated to be ±0.06 mm.
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Pressure extraction

The pressure field within the aorta was extracted from the UIV results with integra-

tion of the Navier-Stokes equation, where viscous terms were assumed negligible (Van

Oudheusden, 2013):

∇ p = −ρ
[

du

dt
+ u · ∇u

]
, (4.3)

where ∇ p is the pressure gradient, ρ is the density of the fluid, and u is the velocity

vector. The spatial integration approach used in this study was chosen primarily for

its simplicity, as the bulk pressure is the variable of interest rather than the local

pressure variations. From each flow velocity map, the pressure along the horizontal

centerline of the area of interest (AOI) was calculated using ∂p/∂x, with the upstream

pressure sensor providing the initial boundary for integration. The pressure in the y-

direction was then calculated through integration of ∂p/∂y along each column of UIV

windows. Due to the movement of the compliant wall, the AOI was recalculated for

each time step based on the area of the instantaneous velocity map, and the pressure

field was averaged over the instantaneous AOI.

4.5 Results and discussion

The following section presents the material properties, namely the instantaneous elas-

ticity and viscoelastic properties, of a sample porcine ascending aorta, as obtained

from pulsatile flow experiments and compared to uniaxial results.
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4.5.1 Instantaneous elasticity

Figure 4.6(a) shows the circumferential wall stresses for the three Rem values at

St = 0.2, β = 1.0, calculated from the 2D stress model (Equation 4.2) and plotted

against the circumferential strain. The three cases overlap over the entire strain range,

meaning that with an increase in Reynolds number continuity in the stress-strain

relationship is maintained between the cases, despite the strain range of the individual

case shifting towards higher cyclic strains. Figure 4.6(b) shows the stress-strain curves

for the uniaxial tests analogous to the pulsatile flow cases in Figure 4.6(a), where the

waveform frequencies and observed strain amplitudes from the pulsatile flow data were

used as inputs for the uniaxial tests. Unlike the pulsatile flow results, the uniaxial

stress-strain curves have individual peaks, dependent on the maximum strain level.

Figure 4.7 illustrates the instantaneous elastic modulus results from the 2D stress

model, where the red line represents the average trend of all pulsatile flow cases

(individual cases shown in light red). For comparison, the elastic modulus of the

porcine aorta was obtained from uniaxial stress measurements (original loading and

unloading uniaxial data shown in light blue, where the dark blue line represents the

average). The uniaxial test was performed for a circumferential strip of the aorta

over the entire strain range observed within the pulsatile flow results (10% to 60%

strain). The dimensional frequencies for each pulsatile flow profile were between

0.19 Hz to 0.74 Hz; within this range, uniaxial stress-strain results were observed to

be independent of frequency for a fixed strain amplitude, thus the uniaxial test shown

in Figure 4.7 was performed at 0.5 Hz, a median value of the flow loop frequency range.

Given that elasticity is an intrinsic property, elastic modulus values calculated

from different stress states are expected to match – assuming that the stresses and
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(a) Pulsatile flow (b) Uniaxial

Figure 4.6: (a) Circumferential wall stresses for the flow profiles defined by St =
0.2, β = 1.0, plotted against the circumferential strain of the compliant
vessel for one cycle. The hysteresis evident within each pressure-strain
loop is an indication of the material’s viscoelasticity. The gray arrows
represent the loading pathway. (b) Stresses for the circumferential strip
of the porcine aorta under uniaxial loading. Colours correspond to the
pulsatile flow cases in (a), where frequencies and strain amplitudes have
been matched. Each case has a distinct peak leading up to the respective
maximum strain

the stress-strain response of the material are resolved correctly (Pejcic et al., 2020).

Figure 4.7 shows that the 2D stress model matches closely with the uniaxial results

up to a strain level of 50%. It is important to note that maximum physiological

strains for the healthy aorta are between 8% and 30%, largely dependent on age.

At these strains, for the cylindrical loading of the aorta under realistic conditions,

a 2D analysis of the stress state (our 2D stress model) yields the same result for

instantaneous elasticity as the uniaxial test. The deviation seen at strains above 50%

between the stress states may be attributed to the effect of nonlinear viscoelasticity

at higher strains, discussed in further detail under Section 4.5.2. Uniaxial results were

observed to be highly dependent on strain amplitude. The peak in stress between
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50% and 60% strain (see Figure 4.7) was observed at the apex of all cycles, even at

lower strain amplitudes (Ferrara et al., 2016; Peña et al., 2015). This occurrence was

only slightly reduced with repeated runs at the same strain amplitude.

The discrepancies in elasticity at higher strains may also be a result of neglecting

Poisson’s effect, which may yield differences in tissue behaviour between the uniaxial

and cylindrical stress states. Poisson’s ratio has been previously noted to increase

with applied strain in non-linear tissues, as related to the changing microscopic fibre

behaviour (Picu et al., 2018). It is well established that micro-fibres (namely elastin

and collagen) are recruited to different extents depending on the strain level; elastin

dictates the macro-mechanics at lower strains, while collagen is activated at higher

strains and results in non-linear behaviour (Wolinsky and Glagov, 1964; Clark and

Glagov, 1985; Sokolis et al., 2006). Activation of these fibres in a 1D plane (as in

uniaxial testing) versus a 3D plane (as in the bulging seen under cylindrical loading),

may present differences in the recorded elasticity (Chow et al., 2014; Qi et al., 2015).

Interrupting the network of elastin and collagen, to obtain the uniaxial sample, may

further alter fibre recruitment between uniaxial loading and the cylindrical loading in

our experimental setup, which could additionally account for the mismatch at higher

strains in Figure 4.7.

Initially a fixed value for wall thickness was used to calculate the stresses, and

a large mismatch between the uniaxial and pulsatile flow results was observed at

high strains, such that the maximum error was equivalent to 35% (calculated at 60%

strain). The use of instantaneous values for wall thickness for the pulsatile flow data

resulted in a sharper increase in E(t) beyond strains of 45%, reducing the maximum

error between stress states to 27%.
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Figure 4.7: The instantaneous elastic modulus, E(t), of the ascending aorta, as calcu-
lated from the 2D stress model using the ultrasound data obtained from
the pulsatile flow tests. The 2D stress model is compared to the elastic
modulus obtained from a uniaxial test of the aorta (circumferential direc-
tion) performed over a similar strain range. At physiologically-relevant
strains (less than 30%), and up to 50% strain, good agreement is ob-
served between the two stress states, indicating that the circumferential
vessel-wall stress from the pulsatile flow experiments is resolved correctly

4.5.2 Viscoelastic behaviour

The dynamic viscoelastic behaviour of the aorta under harmonic oscillation can be

described using two parameters: the storage modulus; and the loss factor. The

storage modulus represents the ability of the material to store elastic energy, and

the loss factor is a ratio between the dissipated energy and the stored energy. For a

linearly viscoelastic material, the storage modulus, defined as E ′, and loss factor, η,

are calculated as follows:

E ′ = |E∗| cos(δ), (4.4)
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η = tan(δ), (4.5)

where |E∗| is the amplitude of the complex modulus, and δ is the phase lag between

the stress and strain waveform (Haddad, 1995; Lakes, 2009). The complex modulus is

the amplitude of the stress divided by the amplitude of the strain of the viscoelastic

material under harmonic oscillation, as discussed in Amabili et al. (2019). For the

pulsatile flow results, the circumferential stress derived from the 2D stress model is

used to calculate |E∗| and δ.

To the best of the authors’ knowledge, Equation 4.4 has yet to be applied to

pulsatile flow data. The storage modulus for an elastic tube, such as the aorta, has

been previously generalized as the Young’s modulus of the material (EY ), calculated

from the following equation:

EY =
3R2

i Ro

2hRm

dp

2 d∆r
, (4.6)

where Ri and Ro are the inner and outer radii of the aorta, respectively, Rm is the

mean radius, and dp/d∆r is the slope at the center of the pressure-radius loop (Bergel,

1961a; Amabili et al., 2020; Imura et al., 1990). Equation 4.6 assumes an isotropic,

homogeneous material, and small radial changes (between 2-3%) (Bergel, 1961a).

Equation 4.4 and Equation 4.5 are derived under the assumption of linear vis-

coelasticity, and have typically only been applied to uniaxial stress states (Lakes,

2009). While the theory of linear viscoelasticity may apply at small strains, the

aorta is known to exhibit non-linear viscoelastic behaviour under large deformations

(Valdez-Jasso et al., 2011). We therefore include another, more general equation for
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the loss factor, η, that is applicable for all viscoelastic materials:

η =
∆Wd

2 πWs

, (4.7)

where Wd is the dissipated energy over one full cycle, equivalent to the area within

the pressure-radius loop, and Ws is the stored energy over a quarter cycle (Lakes,

2009). There are several methods to define storage energy; any variation in definition

of storage energy would, of course, also affect the loss factor calculation (Lakes, 2009).

The absolute magnitude of the loss factor is therefore less meaningful for viscoelastic

characterization than the trend of the loss factor observed over varying test conditions.

Here, we elect to follow the energy definitions as presented in Amabili et al. (2020):

∆Wd = AloopAref , (4.8a)

Ws =
1

2
(A1 + A2)Aref , (4.8b)

where Aref is the reference area that the force arising from pressure is acting on, or

the at-rest internal area of the aorta. Substituting the above energy definitions into

Equation 4.7, we obtain:

η =
Aloop

π(A1 + A2)
, (4.9)

where Aloop is the area within the pressure-radius loop, and A1 and A2 are identified

in Figure 4.8(a) and Figure 4.8(b).

Figure 4.8(a) shows the pressure-radius loop for Rem = 600, β = 1.0, St = 0.3,

which appears as an elliptical loop. The symmetric hysteresis (about the ellipse major

axis) suggests linear viscoelastic behaviour (Lakes, 2009). Figure 4.8(b) shows the

pressure-radius loop for Rem = 1000, β = 1.0, St = 0.1, and it is evident that at the
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higher Rem, the pressure-radius loop is no longer elliptical, and the average line of the

loop does not follow a linear trend. With the increase in strain amplitude associated

with higher Rem, more collagen fibres become load-bearing, resulting in non-linear

behaviour (Wagenseil and Mecham, 2012). Note that the strain amplitude is also

dependent on the Strouhal number, as at higher values of St the pulsation frequency

is higher; the cyclic deformation of the aorta is constrained to a smaller range. For

linear viscoelasticity, the stored energy is equivalent to the magnitude of A2 (Lakes,

2009). As a simplification, the average of A1 and A2 is considered to be representative

of the stored energy for all pulsatile flow cases, regardless of the pressure-radius loop

trend (Amabili et al., 2020).

(a) Rem = 600 (b) Rem = 1000

Figure 4.8: (a) Pressure-radius loop for Rem = 600, β = 1.0, St = 0.3. The dark gray
dashed line represents the average line of the pressure-radius curve. A1

and A2 are defined as the areas above and below the fitted line of the
pressure-radius loop, in relation to the x-axis. The loop for this test case
is elliptical, indicating a linear viscoelastic response. (b) Pressure-radius
loop for Rem = 1000, β = 1.0, St = 0.1. In contrast to the case shown in
(a), this non-elliptical loop indicates a non-linear viscoelastic response

Figure 4.9 shows the storage modulus calculated for each pulsatile flow test case,
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as well as the storage modulus from the uniaxial tests. For the pulsatile flow data,

there is an apparent dependency on the mean Re value, where for the same Rem

the storage modulus is relatively constant. The standard deviation for each mean

Reynolds number is 0.46, 0.7, 1.2 kPa, respectively. The overall standard deviation

for all test cases is 3.4 kPa. Within each Rem, β combination, as Strouhal number

increases there is, on average, a slight decrease in the magnitude of storage mod-

ulus. The uniaxial storage modulus is shown to decrease significantly with St for

each Rem, β combination. The uniaxial results had an overall standard deviation of

3.8 kPa. A decreased ‘memory’ (i.e. previous stresses have less effect on the cur-

rent state) of the material was observed for the cylindrical loading state versus the

uniaxial stress state. This phenomenon may be attributed to the FSI of the vessel

itself. A smoother transition between cases is therefore observed; the stress-strains

loops overlap with changing test conditions for the pulsatile flow results, while for

the uniaxial results, changing the test conditions, specifically the maximum strain,

resulted in distinct peaks for each run, as in Figure 4.6(b).

Figure 4.10 shows the loss factors from the pulsatile flow and uniaxial experi-

ments. The loss factor increases alongside frequency for the pulsatile flow tests (see

Figure 4.11(a)). The smaller diameter change seen at higher frequencies has been

previously associated with higher loss factors (Amabili et al., 2020). In contrast, the

uniaxial results indicate a relatively constant loss factor over the frequency range

tested. Figure 4.10 also includes the loss factor for the pulsatile flow data as calcu-

lated from Equation 4.5 (which assumes a linear viscoelastic material). Equation 4.5

slightly underpredicts the loss factor magnitude in comparison to the results from

Equation 4.9, but captures the same trend across all flow parameters.
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(a) Rem = 600 (b) Rem = 800 (c) Rem = 1000

Figure 4.9: Storage modulus versus Strouhal number for the 18 test cases described
by (a) Rem = 600, (b) Rem = 800, and (c) Rem = 1000. The uniaxial
tests were performed for a circumferential strip of the ascending aorta,
matching the frequencies from the flow loop, in addition to the strain
range

(a) Rem = 600 (b) Rem = 800 (c) Rem = 1000

Figure 4.10: Loss factor for the pulsatile flow data compared to uniaxial results,
grouped by mean Reynolds number where (a) Rem = 600, (b) Rem =
800, and (c) Rem = 1000. The trend in the flow data indicates that
the fluid–structure interaction increases dissipation rate with higher fre-
quencies, while there is no correlation with frequency seen in the uniaxial
results
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The storage modulus and loss factor are plotted against each other in Figure 4.11(b).

Both the uniaxial and pulsatile flow data show a positive correlation between the two

parameters. The pulsatile flow results indicate a steeper rise in loss factor over the

storage modulus distribution. For equivalent storage modulus magnitudes, the cylin-

drical stress state within the flow loop yields higher loss factor values (indicating

higher levels of internal friction) than the uniaxial stress state. The difference in

behaviour can likely be attributed to the increased system losses associated with

fluid–structure interaction dynamics.

For the pulsatile flow tests, the circumferential and longitudinal directions have

simultaneous stresses imposed over a cycle. Uniaxial testing allows only a single direc-

tion to be loaded at one time. As seen through the results in Figure 4.9, Figure 4.10

and Figure 4.11(b), the two stress states (namely uniaxial and 2D axisymmetric)

yield distinct viscoelastic behaviour. The mismatch of instantaneous elasticity at

high strains (recall Figure 4.7) may be partially attributed to the divergent viscous

effects.

4.6 Conclusions

This study presents material properties of a viscoelastic, ex vivo porcine ascending

aorta characterized under dynamic-loading conditions via pulsatile flow. Ultrasound

imaging was used to capture the deformation of the opaque vessel wall and to obtain

the pulsatile flow field inside the vessel. The instantaneous, planar pressure fields

within the aorta were extracted from the UIV results. The vessel-wall expansion,

coupled with the extracted pressure, was used to calculate the instantaneous elastic

modulus from a novel time-resolved 2D stress model. Good agreement was observed
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(a) Sensitivity of η to St (b) Correlation between η and E′

Figure 4.11: (a) Box plot showing the loss factor for the pulsatile flow data, grouped
by Strouhal number. For the same Rem and St, the frequency will re-
main unchanged between the two β parameters. All flow cases were run
twice to ensure repeatability; each box therefore contains a total of four
loss factor values. An increase in loss factor corresponding to increased
frequencies is evident. (b) Storage modulus (Equation 4.4) versus loss
factor (Equation 4.5) for both stress states, indicating a positive corre-
lation between the two viscoelastic parameters

between the calculated elasticity from the 2D stress model (pulsatile flow tests) and

the uniaxial tensile tests.

Storage modulus and loss factor were also calculated using the structural defor-

mation and extracted pressure data. The viscoelastic parameters were compared to

those obtained from uniaxial tests performed at loading frequencies and strain am-

plitudes matched to each flow case. Loss factor increased with increasing frequency

under cylindrical loading of the vessel, while the uniaxial results showed a constant

loss factor. For the storage modulus, both the pulsatile flow and uniaxial values

had a similar variance, but the flow results showed a clear linear dependency on

Reynolds number, while the uniaxial values exhibited a large decrease corresponding

to increasing Strouhal number. The discrepancies in the viscoelastic parameters may
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be explained with further investigation into micro-fibre recruitment (i.e. collagen)

between the two stress states.

Due to the intrinsic nature of elasticity, the agreement in instantaneous elasticity

observed between the two stress states indicates that the 2D stress model and as-

sociated method accurately resolve the vessel-wall stress of the intact ex vivo aorta.

However, under cylindrical loading, the FSI and resulting 3D forcing of the aorta sig-

nificantly alter the viscoelastic properties (storage modulus and loss factor) in compar-

ison to the classical uniaxial stress state. The use of ultrasound imaging demonstrates

how the 2D stress model is readily applicable to in vivo measurements, and further

development of the method should be focused on obtaining reliable results for human

aortas. The ability to accurately characterize the mechanical properties of the healthy

and diseased aorta directly in vivo would potentially allow for a greater understand-

ing of disease progression, in addition to aiding clinicians in creating patient-specific

treatment plans.
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Chapter 5

Conclusions

The two studies that make up this thesis build on each other to present the valida-

tion results of an ultrasound-based method that can be used to study the dynamics

of compliant vessels in the context of the viscoelastic aorta. This concluding section

serves to recapitulate the major findings from Chapter 3 and Chapter 4 and pro-

pose recommendations for future work, including considerations for improving future

experiments.

5.1 Summary

The detailed conclusions of this thesis are presented as two distinct studies in Chap-

ters 3 and 4; however, the initial validation results of Chapter 3 are a necessary

precursor to the analysis of the complex aorta in Chapter 4. In Chapter 3, we applied

the 2D stress model to a purely elastic, synthetic vessel under pulsatile flow; this

study served as the initial validation of the 2D stress model. The instantaneous elas-

ticity, E, obtained from the 2D stress model, was shown to be more accurate than

the instantaneous elasticity calculated from two uniform (1D) p − A relationships

(Laplace’s law and Olufsen (1999)) when compared to uniaxial results.
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In Chapter 4 we expand on the findings from Chapter 3, by applying the 2D

stress model to a nonlinear viscoelastic, hyperelastic material (the porcine aorta).

The instantaneous elasticity from the pulsatile flow data matched well with the uni-

axial data up to 50% strain, indicating the 2D stress model accurately captures the

circumferential stress of the aorta at this strain range. For a complete analysis of

the aorta one must consider the viscoelasticity of the material, and in Chapter 4,

viscoelastic parameters (storage modulus and loss factor) were calculated from the

ultrasound data, in addition to the instantaneous elasticity. For the pulsatile flow

data, storage modulus was shown to be independent of frequency (Strouhal number),

and increased with Reynolds number. In contrast, the storage modulus for the uni-

axial test was inversely dependent on frequency, in addition to increasing alongside

Reynolds number. Both stress states had similar standard deviations of the storage

modulus over the entire frequency range. A linear viscoelastic equation, as well as a

nonlinear one, was used to calculate loss factor from the pulsatile flow data. It was

found that the linear viscoelastic results followed the trend of the nonlinear equation

over the frequency range, but consistently underpredicted the magnitude of the loss

factor. The loss factor from the uniaxial data (calculated using only the linear equa-

tion) was revealed to be independent of frequency at the range studied, while the loss

factor for the pulsatile flow data increased with frequency.

5.2 Continuation of the work

The long-term purpose of this research is to provide an accurate method to obtain

the elasticity of the aortic wall, so as to provide clinicians with a simple tool that can

be used to track the development of aortic disease (i.e. providing a reliable metric
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that can be used to determine whether to pursue elective aneurysm repair). While

this thesis demonstrated the feasibility of a novel ultrasound-based approach to study

viscoelastic vessels such as the aorta, there is more work to be done in the ex vivo

environment before this technique can be extended to in vivo studies.

The logical next step is to perform a similar ex vivo experiment as in Chapter 4

on human aortas, though good correspondence between the stiffness of porcine and

human aortas has been previously confirmed (de Beaufort et al., 2018). In particular,

a large sample size should be used for future studies in order to draw statistically-

significant conclusions regarding the viscoelastic behaviour of the aorta, as well as

the instantaneous elasticity. A detailed analysis of flow patterns and the associated

effects on viscoelastic properties is also important to consider moving forward. The

porcine aorta used in Chapter 4 was not categorized by age, a characteristic which

would be highly relevant for drawing inferences regarding the behaviour of human

aortas.

Chapter 4 considered the potential effect of micro-fibres (i.e. collagen and elastin)

on the mechanical properties of the material under different stress states. However,

further investigation into the effect of micro-fibres is warranted. A study that in-

corporates histological analysis at regular intervals over the course of a long-term

dynamic flow experiment is essential to furthering our understanding of how mechan-

ical properties differ between uniaxial and cylindrical stress states.

Another important next step would be to study the behaviour of healthy aortic

tissue in comparison to diseased aortic tissue by observing differences in the instan-

taneous elasticity and viscoelastic behaviour. Ensuring a large sample size for both

categories will be important to be able to draw general conclusions regarding any
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changes observed between healthy and diseased tissue.

The primary assumption of the 2D stress model is that the vessel is under axisym-

metric loading. The aortic sample used in Chapter 4 exhibited only a slight curve,

and furthermore, a longitudinal stretch was imposed to minimize the effect of the

slight curvature; in reality, the ascending aorta can have significant curvature that

would render the axisymmetric assumption invalid. In fact, the mismatch between

the cylindrical and uniaxial instantaneous elasticity at strains greater than 50% may

be a result of the curvature becoming more prominent at the higher strains. Moving

forward towards in vivo studies, further development of the model to account for

curvature would likely improve elasticity results.

5.2.1 Future ex vivo experimental considerations

Disease development within the CV system occurs over a long-term period, where the

mechanical factors contributing to the pathology act on the arterial wall over many

years. The nature of ex vivo experiments, and the quick, inevitable degradation

of aortic samples, does not allow for study of long-term effects. In addition, the

ultrasound system limits the length of recording available, as only 18-22 seconds of

data (dependent on frame rate) could be saved at one time; depending on the period

of the pulsatile flow, this resulted in a total number of cycles between three and

eighteen. Recording a short amount of data every hour for an extended period of

time would allow for observation of viscoelastic behaviour over hundreds of cycles.

Long-term studies can also help clarify how certain flow patterns impact the structural

deformation of the aorta and stress relaxation of the vessel material.

The low frame rate of the ultrasound system limited the peak flow velocities in a
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cycle. The highest mean Reynolds number studied (for the experiment in Chapter 4)

was 1000, and the highest peak Reynolds number was 2000. Within the human

body, the ascending aorta can experience a peak Reynolds number of upwards of

5000 during systole. Future experiments should re-evaluate the current parameter

space, and move towards more realistic flow velocities. A wider range of parameters

may elucidate the reason behind the different trends observed in loss factor between

uniaxial and cylindrical stress states.

The aortic sample used was long enough that the aorta was clamped directly to

the rigid inlet and outlet, with a Dacron graft serving as a protective layer. However,

other samples obtained from the butcher had a significantly shorter ascending section.

Dacron graft tubes matching the diameter to the aortic diameter were procured, and

the short samples of the aorta were sutured to the graft extensions, providing extra

area for connection to the rigid boundaries. In the end, these sutured samples were

not used. However, if a study with a high sample number is undertaken, due to the

difficulty of acquiring whole tissue, it may not be feasible to be selective regarding the

length of the aortic samples. A study into whether the attachment method (direct or

sutured Dacron) significantly affects the behaviour of the aorta should therefore be

performed.
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Büsen, M., Arenz, C., Neidlin, M., Liao, S., Schmitz-Rode, T., Steinseifer, U., and

Sonntag, S. J. (2017). Development of an In Vitro PIV Setup for Preliminary Inves-

tigation of the Effects of Aortic Compliance on Flow Patterns and Hemodynamics.

Cardiovascular Engineering and Technology, 8(3):368–377.

Canic, S., Tambaca, J., Guidoboni, G., Mikelic, A., Hartley, C. J., and Rosenstrauch,

D. (2006). Modeling viscoelastic behavior of arterial walls and their interaction

with pulsatile blood flow. Journal of Applied Mathematics, 67(1):164–193.

Carallo, C., Irace, C., Pujia, A., Franceschi, M. S. D., Crescenzo, A., Motti, C.,

Cortese, C., Mattioli, P. L., and Gnasso, A. (1999). Evaluation of Common Carotid

Hemodynamic Forces. Hypertension, 34(2):217–221.

Cardamone, L., Valent́ın, A., Eberth, J. F., and Humphrey, J. D. (2009). Origin

of axial prestretch and residual stress in arteries. Biomechanics and Modeling in

Mechanobiology, 8(6):431–446.

Cavalcante, J. L., Lima, J. A., Redheuil, A., and Al-Mallah, M. H. (2011). Aortic

stiffness: Current understanding and future directions. Journal of the American

College of Cardiology, 57(14):1511–1522.



BIBLIOGRAPHY 84

Charonko, J. J., King, C. V., Smith, B. L., and Vlachos, P. P. (2010). Assessment

of pressure field calculations from particle image velocimetry measurements. Mea-

surement Science and Technology, 21(10).

Chiu, J. J., Chen, L. J., Lee, P. L., Lee, C. I., Lo, L. W., Usami, S., and Chien, S.

(2003). Shear stress inhibits adhesion molecule expression in vascular endothelial

cells induced by coculture with smooth muscle cells. Blood, 101(7):2667–2674.

Chow, M. J., Turcotte, R., Lin, C. P., and Zhang, Y. (2014). Arterial extracellular

matrix: A mechanobiological study of the contributions and interactions of elastin

and collagen. Biophysical Journal, 106(12):2684–2692.

Clark, J. M. and Glagov, S. (1985). Transmural organization of the arterial media:

the lamellar unit revisited. Arteriosclerosis, 5(1):19–34.

Courtial, E. J., Orkisz, M., Douek, P. C., Huet, L., and Fulchiron, R. (2015). Identi-

fying Hyper-Viscoelastic Model Parameters from an Inflation-Extension Test and

Ultrasound Images. Experimental Mechanics, 55(7):1353–1366.

de Beaufort, H. W., Ferrara, A., Conti, M., Moll, F. L., van Herwaarden, J. A.,

Figueroa, C. A., Bismuth, J., Auricchio, F., and Trimarchi, S. (2018). Comparative

Analysis of Porcine and Human Thoracic Aortic Stiffness. European Journal of

Vascular and Endovascular Surgery, 55(4):560–566.

De Kat, R. and Ganapathisubramani, B. (2013). Pressure from particle image ve-

locimetry for convective flows: A Taylor’s hypothesis approach. Measurement Sci-

ence and Technology, 24(2).



BIBLIOGRAPHY 85

De Kat, R. and Van Oudheusden, B. W. (2012). Instantaneous planar pressure

determination from PIV in turbulent flow. Experiments in Fluids, 52(5):1089–1106.

Delgadillo, J. O. V., Delorme, S., Mora, V., DiRaddo, R., and Hatzikiriakos, S. G.

(2009). Effect of deformation rate on the mechanical properties of arteries. Journal

of Biomedical Science and Engineering, 3:124–137.

Deveja, R. P., Iliopoulos, D. C., Kritharis, E. P., Angouras, D. C., Sfyris, D., Pa-

padodima, S. A., and Sokolis, D. P. (2018). Effect of Aneurysm and Bicuspid

Aortic Valve on Layer-Specific Ascending Aorta Mechanics. Annals of Thoracic

Surgery, 106(6):1692–1701.

Dolan, J. M., Kolega, J., and Meng, H. (2013). High Wall Shear Stress and Spatial

Gradients in Vascular Pathology: A Review. Annals of Biomedical Engineering,

41(7):1411–1427.

Duclaux, V., Gallaire, F., and Clanet, C. (2010). A fluid mechanical view on abdom-

inal aortic aneurysms. Journal of Fluid Mechanics, 664:5–32.

Duprey, A., Trabelsi, O., Vola, M., Favre, J. P., and Avril, S. (2016). Biaxial rupture

properties of ascending thoracic aortic aneurysms. Acta Biomaterialia, 42:273–285.

Emmott, A., Garcia, J., Chung, J., Lachapelle, K., El-Hamamsy, I., Mongrain, R.,

Cartier, R., and Leask, R. L. (2016). Biomechanics of the Ascending Thoracic

Aorta: A Clinical Perspective on Engineering Data. Canadian Journal of Cardiol-

ogy, 32(1):35–47.

Erbel, R., Aboyans, V., Boileau, C., Bossone, E., and Bartolomeo, R. (2014). 2014



BIBLIOGRAPHY 86

ESC Guidelines on the diagnosis and treatment of aortic diseases: Document cov-

ering acute and chronic aortic diseases of the thoracic and abdominal aorta of the

adult. European Heart Journal, 35:2873–2926.

Ferrara, A., Morganti, S., Totaro, P., Mazzola, A., and Auricchio, F. (2016). Hu-

man dilated ascending aorta: Mechanical characterization via uniaxial tensile tests.

Journal of the Mechanical Behavior of Biomedical Materials, 53:257–271.

Ferrari, G., Balasubramanian, P., Tubaldi, E., Giovanniello, F., and Amabili, M.

(2019). Experiments on dynamic behaviour of a Dacron aortic graft in a mock

circulatory loop. Journal of Biomechanics, 86:132–140.

Findley, W. N., Lai, J. S. Y., and Onaran, K. (1976). Creep and relaxation of nonlinear

viscoelastic materials with an introduction to linear viscoelasticity. Elsevier/North

Holland, New York.

Fung, Y. C. (1993). Biomechanics: Mechanical properties of living tissues. Springer,

New York, 2nd edition.

Fung, Y. C. (1996). Biomechanics: Circulation. Springer-Verlag Berlin, 2nd edition.
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Appendix A

Derivation of the 2D Stress Model

This appendix details the derivation of the 2D stress model used to find the vessel-

wall stresses. Section A.2 is a self-contained appendix that is part of the published

manuscript presented as Chapter 3.

A.1 Direction of pressure force

Figure A.1(a) illustrates a schematic of an elastic vessel subjected to internal pressure

via fluid loading, representative of the experimental setup used in Chapter 3 and

Chapter 4. The force exerted by the internal pressure remains perpendicular to the

vessel surface at all points. Looking at an infinitesimal cross-sectional slice (blue

circle), we focus on half of the vessel (below y = 0 in this example), and consider

the pressure acting through a single force vector on the surface of the vessel. In

Figure A.1(b), the components of the pressure in the x- and y- direction are resolved

according to φ, the angle around the x-axis (the circumferential direction), and θ, the

angle between the x-axis and a line perpendicular to the pressure vector.
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Figure A.1: (a) Elastic vessel pressurized by fluid loading at one instant in time. The
pressure acts perpendicularly to the surface of the vessel. (b) Resolution
of the internal pressure force into x and y components

A.2 Force balance equations

Summing the forces on the differential element in Figure 3.5(b) results in the following

two equations:

Fx = −p dA sin θ + (T + dT ) cos(θ + dθ)− T cos(θ), (A.1)

Fy = −p dA cos θ sin(φ) + (T + dT ) sin(θ + dθ) sin(φ)

−T sin(θ) sin(φ)− σCh ds sin(φ) dφ,

(A.2)

where all variables are a function of time. Moving forward, we assume quasi-steady

conditions and neglect the acceleration (i.e. Fx = 0, Fy = 0) of the elastic vessel wall

so that the pressure forces are balanced with the tension forces. On the right-hand

side, p and h can be obtained from the ultrasound data and we can resolve dA and
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ds as the following:

dA = r dφ ds, ds =

√
1 +

(
dy

dx

)2

dx

where r and dy
dx

can also be found from the ultrasound data. Focusing on Eq. (A.1), we

can simplify further by expanding cos(θ+dθ), and with the small angle approximation

we set cos(dθ) equal to 1 and sin(dθ) equal to dθ. Equation (A.1) then becomes

−p dA sin θ + T cos(θ)− T sin(θ) dθ + dT cos(θ)

−dT sin(θ)dθ − T cos(θ) = 0.

(A.3)

Equation (A.3) can be further reduced by acknowledging that the term dT sin(θ) dθ

is small and may be neglected due to the multiplication of two differential quantities.

In addition, T cos(θ) cancels out, and we are left with

− p dA sin θ − T sin(θ) dθ + dT cos(θ) = 0. (A.4)

We recognize that the latter two terms on the left-hand side in Eq. (A.4) are the result

of a product derivative, and then we can also substitute for dA and T . Following these

substitutions, we can remove σLh dφ from the derivative as these terms are considered

constant along x, while r and cos(θ) are a function of x, yielding

− p sin θr dφ ds+ σLh dφ d(r cos(θ)) = 0. (A.5)

Now we rearrange and integrate over φ from 0 to π and substitute ds to obtain:
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p π sin θr

√
1 +

(
dy

dx

)2

dx = σLhπ d(r cos(θ)). (A.6)

Finally, we perform another integration over x to obtain:

∫ x2

x1

p sin(θ)r

√
1 +

(
dy

dx

)2

dx = σLh r cos(θ)
∣∣∣x2
x1
. (A.7)

We now move on to the y-direction forces, represented by Eq. (A.2), to which we

can immediately apply the trigonometric identity presented before and simplify the

products of the resulting derivative for the terms involving the force of tension in a

similar manner to that done for the x-direction. We will also substitute for tension

here, and we obtain the following:

−p r dφ ds cos θ sin(φ) + σLh dφ d(r sin(θ)) sin(φ)

−σCh ds sin(φ) dφ = 0.

(A.8)

Once again, we integrate over φ from 0 to π to obtain:

− 2p r ds cos θ + 2σLh d(r sin(θ))− 2σCh ds = 0, (A.9)

and rearranging this equation and performing another integral over x results in

∫ x2

x1

p r ds cos θ = σLh r sin(θ)
∣∣∣x2
x1
− σC

∫ x2

x1

h ds. (A.10)

From Eq. (A.7) it is possible to isolate for the longitudinal stress (Eq. (3.4)), and

from Eq. (A.10) we can isolate for the circumferential stress (Eq. (3.5)).
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Appendix B

Supplementary work

B.1 Uncertainty of pressure extraction

The theory behind extraction of pressure from PIV remains essentially the same

regardless of method, however the implementation has an pointed impact on the

accuracy of the calculated pressure. This is largely a result of the sensitivity to

discrete spatial and temporal resolutions, as well as the accuracy of the velocity data.

In fact, the resulting error in pressure has been shown to be highly dependent on

the type of flow being studied (Van Oudheusden, 2013). Any error in the measured

velocity fields has a compounded effect, such that a 5% error in velocity can result in

a 45% error in the extracted pressure (RMS value) when using the spatial-marching

method. If using a Poisson solver, the propagated error in pressure can be up to 500%

(Charonko et al., 2010). The uncertainty in the velocity field (σu) is calculated as:

σu = |u|
√∣∣∣ σd

∆d

∣∣∣2 +
∣∣∣ σt
∆t

∣∣∣2, (B.1)

where u is the velocity, σd
∆d

is the uncertainty in the particle positions, and σt
∆t

is

the uncertainty in the time span between images, which is assumed negligible. The
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uncertainty in particle positions is approximately 10%, based on the maximum pixel

displacement of 20px between frames during peak acceleration. The PX409 pressure

sensors have an accuracy of ± 0.08%, and were considered accurate enough to serve

as ground truth. The maximum uncertainty in the extracted pressure is therefore

approximately 15%.

The image quality of the ultrasound images for UIV is inherently lower than

standard optical techniques for PIV: particle diameters appear larger, particles are

distorted in different ways depending on the location in the FOV, reflections are hard

to prevent completely. Spatial resolution is also lower, and of course, out-of-plane

motion is certainly present. In order to reduce error propagation, each pulsatile

test case was phase averaged over the total number of full cycles available from the

ultrasound recording. For the steady flows in Chapter 3, the time-averaged velocity

field was used to extract the pressure field.

For the scope of this work, only the bulk pressure was required, and as such the

averaged pressure over the AOI was used to calculate wall normal stresses. However,

local pressure variations may be valuable for identifying flow characteristics that could

make the aortic wall susceptible to disease. Further error reduction methods for UIV

data, such as proper orthogonal decomposition, should be considered for future studies

involving local pressure extraction (Charonko et al., 2010).

B.2 Vessel-wall stresses

A thorough stress analysis is essential to understanding vascular pathophysiology.

While the focus of this thesis has been on the circumferential direction of the com-

pliant vessel, the stresses in the longitudinal direction can play an important role in
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aortic dissection (Thubrikar and Agali, 1999; Beller et al., 2005). Figure B.1 shows

the maximum longitudinal and circumferential wall stresses in the ascending aorta

for each of the pulsatile test cases presented in Chapter 4. Consistently the circum-

ferential direction experiences a higher stress, and the maximum stresses decrease

with Strouhal number. It is important to note that during the experiment the aorta

was subject to an initial stretch of approximately 1.2 (in vivo axial pre-stretch can

range from 1.0 to 1.4, depending on age). The induced stress associated with the

initial stretch (present under resting conditions) in the longitudinal direction was not

considered in the formulation of the 2D stress model. Further study is required to

determine the effect of the initial stretch on the instantaneous elasticity obtained from

the 2D stress model.

Figure B.1: Maximum wall stresses of the aorta in the longitudinal and circumferen-
tial directions. The three cases within each Rem, β combination consist
of the three St values in ascending order
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Stress-strain response and frequency of loading

In Figure 4.7, the instantaneous elasticity results from the pulsatile flow experiments

revealed the stress-strain response to be independent of frequency; regardless of the

changing flow parameters, a continuous elastic response over the strain range was

observed. When performing the uniaxial tests, the frequency and strain amplitude

were matched based on the pulsatile flow data. Figure B.2 illustrates that despite

changing the frequency at which the uniaxial test is performed, the stress-strain

response remains the same for a fixed maximum strain. A change in the material

response is evident when the maximum strain is increased from 25% to 40%.

Figure B.2: Stress-strain response of the aorta from uniaxial testing (strip cut in the
circumferential direction). The frequencies in the pulsatile flow experi-
ments ranged from 0.1 to 0.8 Hz. In this range, the stress-strain loops for
the uniaxial test are not dependent on frequency, but rather on maximum
strain amplitude
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