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ABSTRACT

With coronary artery disease remaining the leading cause of death worldwide,

the design and manufacture of clinically-viable synthetic coronary artery grafts

remains a fundamental healthcare challenge. It is widely accepted that vascular

mimicking materials (VMMs) should emulate the heterogeneous biomechanical and

biological functions of the multi-layered artery wall to ensure long-term patency

post-implantation. However, few VMMs can adequately meet these complex design

requirements. Poly(vinyl alcohol) (PVA)/gelatin cryogels are prospective VMMs

owing to their combined mechanical (PVA) and biointegrative (gelatin) features,

but their development thus far has been limited to homogenous constructs. This

thesis aimed to combine the mechanical characterisation of PVA/gelatin cryogel

with the finite element modelling of heterogeneous coronary artery grafts to inform

the design of biomimetic synthetic grafts – an approach that is critically underused

in the field of cardiovascular tissue engineering.

In addition to exhibiting a hyperelastic stiffening response when loaded up to

50% strain, the linear elastic (E = 144.4–334.4 kPa at 15–20% strain) and dynamic

viscoelastic (E ′ = 182.9–444.4 kPa and E ′′ = 24.8–39.5 kPa between 0–10 Hz) param-

eters of PVA/gelatin cryogel fell within the ranges reported for coronary arteries.

These findings not only extend current understanding of PVA/gelatin mechanics,

but further perpetuate its use as a mechanically-relevant VMM.

The biomechanics of four multi-layered, laminated PVA/gelatin cryogel graft

designs were explored at systolic pressure using a hyperelastic finite element

(FE) framework. FE analysis was used to match the transmural stress and strain

distributions of PVA/gelatin grafts to the coronary intima, media and adventitia

through layer-specific variation of cryogel. While the magnitudes of stress, strain
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and absolute compliance of all PVA/gelatin grafts exceeded that of the coronary

artery, this thesis demonstrated for the first time the potential of FE analysis to

design stress- and compliance-matched coronary artery grafts; this work not only

supports the development of PVA/gelatin grafts, but supports the development of

all hyperelastic VMMs intended for use as coronary artery grafts.

Finally, this thesis investigated a previously unexplored research theme in car-

diovascular tissue engineering: the role of interface design on achieving bioinspired,

functionally-graded coronary artery grafts. The FE framework was extended to

assess the impact of interface radius, amplitude and frequency of an elastic lamallae-

inspired sinusoidal interface on stress distribution and graft compliance. While the

radius had the largest influence on compliance, larger amplitudes also increased

the mean compliance by increasing the extent of non-uniform radial deformation

around the lumen. Critically, transmural stress patterns were continuously graded

(’phased’) as a function of interface amplitude and frequency, illustrating a novel

approach to designing biomimetic, functionally graded synthetic grafts. By qualita-

tively assessing the impact that interface-induced stress may have on endotheliali-

sation, this thesis has taken a novel and important step towards bridging the gap

between the mechanical and biological characterisation of heterogeneous PVA/ge-

latin grafts.
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Chapter One

INTRODUCTION

Cardiovascular disease (CVD) is the leading cause of death worldwide. Despite

increasing awareness of the behavioural and metabolic risk factors associated with

CVDs, they are responsible for almost a third of global deaths reported annually [1].

In Europe, they account for almost half [2]. Analysis of global CVD trends over the

last three decades illustrates the immense scale of CVD-related disease burden [3].

Thanks to rising healthcare costs and increasing years lived with disability, treating

CVD is listed as a major sustainable development goal by the United Nations and

the World Health Organization [4, 5].

CVD is an umbrella term encompassing conditions relating to the heart and

circulatory system. The common denominator shared by many CVDs is the nar-

rowing and occlusion of vessels that supply blood to various regions of the body, such

as the brain (cerebrovascular disease), arms and legs (peripheral artery disease) and

heart (coronary artery disease). Of these, coronary artery disease (CAD) is the most

prevalent, with an estimated 200 million people living with the disease worldwide

[1]. Furthermore, CAD kills an estimated nine million people each year, accounting

for approximately 1 in 6 deaths globally [1]. Patients with advanced CAD often

1
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require bypass surgery to re-establish blood flow to the heart and prevent further

downstream complications, including heart failure, heart attack and death.

Almost four decades have passed since the term tissue engineering was first

introduced [6]. Since then, thousands of papers relating to cardiovascular tissue

engineering – specifically, the development of novel biomaterials for the

fabrication of synthetic bypass grafts – have been published worldwide. Yet, the

search for clinically viable, small-diameter tissue-engineered grafts continues.

Synthetic grafts must support the native biological functions of the coronary artery

wall [7]. Mechanical mismatch between a graft and its host vessel has long been cited

as a major cause of graft failure due to the complex interplay between vascular cells

and their surrounding mechanical environment [8]. Although a variety of vascular

mimicking materials (VMMs) have been developed as replacement vascular tissue,

few have been rigorously characterised according to the hyperelastic, viscoelastic

and/or anisotropic biomechanical behaviours exhibited by native vessels [9].

Hydrogels are promising VMMs due to their compositional similarity to soft

tissue. Poly(vinyl alcohol) (PVA) cryogel is a biocompatible, hydrophilic VMM

with tuneable mechanical properties and is thus a compelling biomaterial across a

spectrum of tissue engineering applications [10, 11]. Significant effort has been

made to manufacture PVA composites with improved biological integration; in

cardiovascular tissue engineering, PVA/gelatin cryogel has demonstrated enhanced

endothelialisation and haemocompatibility with respect to pure PVA [12, 13].

Nevertheless, as a VMM, PVA/gelatin has only been applied to the manufacture

of homogeneous constructs. The artery wall is comprised of three tissue layers which

each confer different mechanical and biological functions to the vessel.

Synthetic grafts should therefore be designed to emulate the heterogeneous

nature of the native wall. It follows that research into PVA/gelatin cryogel as a

2
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VMM should progress into the realm of heterogeneous graft design, drawing on

biomimetic concepts such as functional grading [14]. With the advent of advanced

manufacturing techniques such as sub-zero additive manufacturing (AM) [15–17],

more complex graft designs may be unlocked.

While computational modelling has become a staple tool in the haemodynamic

assessment of arteries in terms of understanding the progression of atherosclerosis

and designing stents for balloon angioplasty [18–22], its application to the design and

manufacture of soft synthetic vascular grafts is comparatively limited. Specifically,

finite element analysis (FEA) – a modelling technique used extensively in the design

of hard tissue implants to evaluate the governing biomechanical interactions under

physiological loading – is not routinely used in the assessment of novel VMMs. Given

the need to emulate the physiological functions of native coronary arteries to prevent

premature graft failure, FEA offers a complementary method to AM for tackling

these design challenges and optimising the stress distribution and compliance of

different graft designs [23].

1.1 Aims and Objectives

This thesis aims to mechanically characterise PVA/gelatin cryogels through

variation of formulation parameters and further explore their potential as VMMs

through the in silico design of heterogeneous multi-layered coronary artery grafts.

The following overarching objectives are set:

• Identify gaps in the mechanical characterisation of PVA/gelatin cryogel:

quantify the hyperelastic and viscoelastic properties as a function of Mw PVA

and use of polymer coagulation treatment (Chapter 3);
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• Integrate PVA/gelatin mechanical characterisation data into computational

models to inform the design of multi-layered coronary artery grafts: employ

FEA to analyse the stress/strain distributions and compliance of laminated

PVA/gelatin graft designs relative to the native coronary artery wall (Chapter

4);

• Expand heterogeneous graft design to explore biomimetic and interdigitated

interfaces: employ FEA to assess the impact of a bioinspired sinusoidal

interface on the stress distribution and compliance of interdigitated

PVA/gelatin grafts (Chapter 5).

1.2 Thesis Structure

Chapter 2 aims to guide the reader through the interdisciplinary research themes

of this thesis by outlining the relevant background literature and theory. First, the

cardiovascular system is introduced (Section 2.1) and the anatomy of the artery

wall is dissected (Section 2.2). Then, in Section 2.3, the pathology behind CAD and

atherosclerosis are described. This is followed by a review of the current approaches

used to understand and treat CAD.

An overview of the mechanics of materials is provided in Section 2.4. This

section is essential for understanding the constitutive laws that describe the

mechanical environment of arteries, which are outlined in Section 2.5. The

design requirements of synthetic grafts and VMMs in mimicking the mechanical

and physiological environment of arteries are detailed in Section 2.6. In particular,

the potential of PVA-based cryogels as VMMs is explored in relation to the design

requirements set in the preceding sections.
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Finally, the current status surrounding the design, manufacture and validation

of multi-layered coronary artery grafts is reviewed in Section 2.7. By tying together

these different disciplines, this chapter will set the scene for the research hypothesis

specific to this thesis (Section 2.8).

Chapter 3 aims to address current knowledge gaps in the mechanical

characterisation of PVA/gelatin cryogels. Specifically, Chapter 3 will present the lin-

ear elastic, dynamic viscoelastic and hyperelastic mechanical properties of PVA/ge-

latin cryogels as a function of Mw PVA and polymer coagulation

treatment. Not only will the experimental data and their constitutive parameters

provide further quantification of the mechanical behaviour of PVA/gelatin cryogel,

the data will be used to inform the development of finite element (FE) models of

PVA/gelatin grafts in Chapters 4 and 5 of this thesis.

Chapter 4 synergises the hyperelastic constitutive parameters of PVA/gelatin

cryogel with FEA to probe the transmural biomechanics of four synthetic multi-

layered graft designs under physiological pressure, relative to the coronary artery

wall. While this thesis has investigated PVA/gelatin as the representative VMM, the

proposed method is transferable to other hyperelastic biomaterials and is intended

to guide the future validation of multi-layered grafts for the treatment of CAD.

Inspired by the waviness of the elastic laminae of arteries and the biomimetic

interface design principles applied to hard tissue implants, Chapter 5 explores the

potential of FEA to inform the design of functionally-graded vascular grafts with

sinusoidal interfaces. The impact of sinusoid interface parameters on the trans-

mural stress distribution and compliance of bi-layered PVA/gelatin grafts under

physiological pressure is assessed.

Chapter 6 summarises the key conclusions from each research chapter in the
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context of the aims and objectives of this thesis. The significance and limitations of

the methods and results presented in each chapter are reviewed and potential future

research trajectories are proposed.

Appendices A–C contain the supplementary material for each research

chapter. These include (but are not limited to): constitutive fitting parameters;

complementary simulations to those presented in the main body of the thesis; and

the Python script developed to generate sinusoidal interfaces.

6



Chapter Two

BACKGROUND

2.1 The Cardiovascular System

2.1.1 Introducing the Cardiovascular System

The cardiovascular system is a network of blood vessels that circulates blood to

every organ, tissue and cell in the body. Together with the heart, these vessels

deliver the nutrients and respiratory gases essential for life. Likewise, they provide

a disposal route for the metabolic waste produced by living organisms [25].

There are three major classes of blood vessels: arteries carry oxygenated blood

away from the heart; veins return deoxygenated blood back to the lungs; and

capillaries facilitate fluid exchange between the two. The collective network of

vessels is often referred to as the vascular tree, reflecting the hierarchical

branching observed between the large central arteries of the heart and the

microscopic capillaries of bodily tissues [26].
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Figure 2.1: Anterior view of the coronary arterial system and its branches.
Reprinted from [24] with permission from Elsevier Science & Technology Journals.

2.1.2 The Coronary Arteries

The coronary arteries supply oxygenated blood to the myocardium, the muscle layer

of the heart. Originating from the aorta, the two main branches – the left (LCA)

and right (RCA) coronary arteries – wrap around the epicardium, the surface layer

of the heart (Figure 2.1). The LCA and its branches supply the left chambers of

the heart, while the RCA and its branches supply the right chambers.
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2.2 The Anatomy of Arteries

2.2.1 Artery Wall Structure

Figure 2.2: Idealised wall structure of a healthy elastic artery, consisting of the
intima (I), media (M) and adventitia (A). Reprinted from [27] with permission from
The Royal Society (UK).

Although the size and function of arteries varies throughout the vascular tree,

they share the same heterogeneous wall structure. A healthy artery wall is comprised

of three concentric tissue layers (Figure 2.2):

• The tunica intima: the blood-interfacing layer containing the endothelium and

internal elastic lamina;

• The tunica media: the muscle-rich middle layer responsible for blood flow

regulation and homeostasis;
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• The tunica adventitia: the outer layer that provides structural support and

integration with the surrounding tissues.

The organisation and orientation of constituent cells and extracellular matrix

(ECM) proteins varies in each layer to confer specific biological and mechanical

functions [28, 29]. Sections 2.2.2 and 2.2.3 will introduce these constituents and

review their contribution to healthy and diseased-related vessel wall behaviour.

2.2.2 The Endothelium

The luminal surfaces of all blood vessels are lined with a monolayer of endothelial

cells (ECs) called the endothelium. ECs are thin, flat cells approximately 50–70

µm long, 10–30 µm wide and 0.1–10 µm thick [30]. The endothelium functions as

a permeable barrier through which molecules and cells are selectively transported

between the bloodstream and the vessel wall [31, 32]. Importantly, the endothelium

provides more than a selective physical barrier between the vessel and circulating

blood. It regulates:

• Coagulation and thrombosis [33, 34];

• Immune cell trafficking and inflammation [35, 36];

• Vessel dilation and contraction (vasomotor tone) [37, 38];

• Growth of new blood vessels (angiogenesis) [39].

In a healthy vessel, the endothelium is quiescent, meaning that ECs do not

proliferate (divide). However, this does not mean they are inert. Quiescent ECs

are anticoagulant, antithrombogenic and anti-inflammatory [40]. Platelet adhesion
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is suppressed through the production of antiplatelet agents such as nitric oxide

and prostacyclin. Both agents are also potent vasodilators that help to maintain

vasomotor tone [38]. Activation of anticoagulant pathways, for example the protein

C/protein S pathway, prevents unnecessary blood clot formation by inactivating

factors involved in the coagulation cascade [33]. If coagulation occurs, fibrin clots

are dissolved through the upregulation of enzymes such as tissue-type plasminogen

activator. For a more comprehensive overview of quiescent EC behaviour, the reader

is directed to the recent review by Ricard et al. [41].

The observed physical and physiological characteristics of ECs (phenotype)

varies across the vascular tree. This ensures homeostasis in the different organs

and vessels of the body [33, 42, 43]. Not only are arterial ECs distinct to vascular

and capillary ECs [44, 45], but ECs located near branch points and bifurcations

will display higher proliferative behaviour than those located in straight segments

of arteries [46]. Furthermore, ECs can adapt their phenotype in response to lo-

cal chemical and biomechanical cues. ECs will switch to a pro-inflammatory and

pro-thrombogenic phenotype when faced with vascular injury. Excessive phenotypic

changes are associated with pathological remodelling of the cardiovascular system

[42].

2.2.3 Vascular ECM

The vascular ECM is a specialised network of fibrous macromolecules embedded in

ground substance, a hydrated gel comprised mostly of glycosaminoglycans (GAGs)

and water [29, 47, 48]. It is secreted by resident ECs, vascular smooth muscle

cells (VSMCs) and fibroblasts [48]. The ECM not only provides structural support

to the artery wall, but plays a fundamental role in intercellular communication.
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Although the specific mechanisms regulating vascular cell behaviour are complex,

the ECM controls cell adhesion, proliferation, migration and differentiation – the

basic functions needed for cell survival [49].

Collagen and elastin are the most abundant components of vascular ECM.

Where collagen provides rigidity to the artery, elastin provides compliance. At

low pressure, the mechanical behaviour of the artery wall is dictated by elastin; at

high pressure, the crimping behaviour of collagen governs wall behaviour to prevent

overdistension [50]. The organisation and orientation of collagen and elastin varies

both across and within the different tissue layers of the artery wall (Figure 2.2)

[27]. The impact of fibre dispersion in each layer on the mechanical functioning of

arteries has been extensively studied [27, 51–53]. Notably, medial collagen is

distributed circumferentially and demonstrates fibre engagement at all magnitudes

of strain [51]. Meanwhile, the orientation of adventitial collagen is comparatively

more varied at low or no strain, demonstrating fibre engagement after 20% strain

[51, 52].

GAGs are highly hydrophilic polysaccharides that enable rapid diffusion of

metabolites and nutrients through the ECM [49]. Proteoglycans are formed through

the covalent bonding of GAG chains to core proteins. Proteoglycans are important

components of the endothelial glycocalyx, a specialised form of ECM that lines the

luminal surface of the endothelium [54]. Proteoglycans therefore regulate a number

of cellular activities, from maintaining vascular permeability to binding cytokines,

small signalling proteins that drive reactions with immune cells [55, 56]. In addition

to modulating cellular interactions, proteoglycans (and GAGs) impact the mechan-

ical and structural properties of the ECM through their interactions with collagen

and elastin [57, 58]. Furthermore, their affinity for water and ability to maintain

osmotic equilibrium serves as a mechanism for resisting compressive forces [58].
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VSMCs regulate blood flow between arteries and tissues through contraction

and relaxation. By changing the diameter (tone) of the vessel in response to

mechanical (eg blood pressure) or metabolic (eg nitric oxide) stimulation, VSMCs

help to maintain vasomotor tone [59]. Hence, VSMCs are an integral component

of distributing arteries such as the coronary arteries. VSMCs also contribute to

ECM protein synthesis [60]. In healthy arteries, VSMCs reside in the media and

display a contractile and non-proliferative phenotype to maintain vascular tone. In

damaged arteries, VSMCs switch to a synthetic and proliferative phenotype which

supports the repair process through secretion of ECM-remodelling enzymes called

matrix metalloproteinases [61]. In atherosclerotic arteries, synthetic VSMCs migrate

to the intima in response to inflammation and contribute to atherosclerotic lesion

formation [60].

2.2.4 Artery Classification

Arteries are classified as muscular or elastic depending on the relative tissue

composition of the artery wall. The arteries closest to the heart, such as the

aorta and pulmonary arteries, are elastic in order to accommodate high arterial

pressures; elastic recoil during diastole propels blood further along the vascular tree

[62]. Muscular arteries have a higher abundance of smooth muscle than their elastic

counterparts, allowing them to regulate blood flow to the heart through vasodila-

tion and vasoconstriction [63]. Though anatomically close to the heart, the coronary

arteries supply blood to the myocardium and are muscular [64]. In general, the cal-

ibre (lumen diameter) of an artery indicates whether it is elastic or muscular: large

calibre arteries (> 10 mm) are elastic, while medium to small calibre arteries (< 10

mm) are muscular [65].
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2.3 Coronary Artery Disease and Atherosclerosis

2.3.1 Disease Development

CAD is a lipid-driven inflammatory disease that develops over the course of

several decades. It is characterised by atherosclerosis, or the chronic narrowing and

hardening (sclerosis) of the coronary arteries due to the accumulation of fatty lesions

(atheromas) on the vessel wall. The progression of atherosclerosis is illustrated in

Figure 2.3.

Figure 2.3: Atherosclerosis disease development. RLP, remnant-like particle; LDL,
low-density lipoprotein; ox-LDL, oxidised low-density lipoprotein; CRP, C-reactive
protein. Note that EPA (eicosapentaenoic acid) is not relevant to the progression
of atherosclerosis and can be ignored. Figure reproduced from [66] under CC-BY-
NC-ND 4.0 (https://creativecommons.org/licenses/by-nc-nd/4.0/).

The artery wall remodels in response to pro-inflammatory stimuli. These stimuli
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are often linked to lifestyle-related stressors such as high blood pressure, smoking and

poor diet [67]. Proteoglycans play an important role in early atherosclerosis, where

endothelial dysfunction increases vascular permeability [56]. This facilitates the

transendothelial migration of molecules responsible for lesion formation, including

immune cells and cholesterol-containing low-density lipoproteins (LDLs) [68].

Activated ECs recruit white blood cells from the blood, namely circulating

monocytes, by expressing inflammatory cytokines and surface adhesion molecules.

Adhered monocytes infiltrate the subendothelial ECM, where they differentiate into

lesional macrophages [69]. Not only do lesional macrophages oxidise LDLs [70], but

they express scavenger receptors that preferentially engulf oxidised LDLs (ox-LDLs),

a well-known class of inflammatory mediator [71, 72]. A positive feedback loop is

generated: by producing ox-LDLs, macrophages contribute to further EC activation,

macrophage recruitment and LDL modification [73]. Uncontrolled ox-LDL uptake

and excessive cellular accumulation of cholesterol triggers foam cell formation [71].

Foam cells are present in fatty streaks, the earliest visible atherosclerotic lesions.

While fatty streaks do not obstruct blood flow, they may mature into plaques that

protrude into the lumen. When foam cells die, they release their lipid content to

the surrounding intima; the debris aggregates to form a lipid-rich necrotic core [74].

Sustained inflammation causes VSMCs to switch to a synthetic phenotype, where

they migrate to, and proliferate in, the intima [60]. This type of vascular remodelling

is critical in the formation of advanced lesions. On the one hand, activated VSMCs

display atheroprotective behaviour, synthesising ECM proteins to form a layer of

connective tissue over the luminal surface of the plaque. This tissue, known as the

fibrous cap, separates the necrotic core from the blood to prevent thrombosis [75].

On the other hand, macrophage-like VSMCs amplify inflammation by increasing

ox-LDL retention, accelerating necrotic core growth [75].
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In the latter stages of CAD, the lumen may narrow to the point of occlusion.

If blood flow through the coronary arteries is compromised, the rate of oxygen

delivery to the heart will not meet the metabolic requirements needed to pump blood

efficiently [76]. This condition, known as myocardial ischaemia, is symptomatic of

CAD and may lead to unstable angina (chest pain). In the event of an acute plaque

rupture and subsequent thrombus formation, the coronary artery may be blocked

completely, leading to myocardial infarction (heart attack).

2.3.2 Treatment Methods for Coronary Artery Disease

Preventing CAD is preferable to treating CAD. In 2019, more than 4 in 5

CVD-related deaths worldwide were associated with, or attributed to, modifiable

risk factors such as hypertension, poor diet and high LDL cholesterol [77].

Numerous health organisations emphasise the importance of lifestyle changes to

reduce risk [5, 77, 78].

For patients with advanced CAD, coronary revascularisation is performed to

restore blood flow to the heart. Revascularisation is achieved using one of two

methods: (1) stenoses are reduced using percutaneous coronary intervention (PCI);

or (2) they are bypassed using coronary artery bypass grafting (CABG) surgery. PCI

is a minimally-invasive procedure in which a balloon catheter is inserted into the

lumen of an occluded artery and inflated. A drug-eluting metal stent is then placed

to keep the artery patent [19]. CABG, on the other hand, is a surgical procedure

that uses vascular grafts to create a new route through which blood can reach the

myocardium [79]. The optimal strategy for revascularisation remains contentious.

PCI mitigates the risk associated with open heart surgery, and advances in drug-

eluting stent technology demonstrate reduced rates of restenosis compared with
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their bare metal counterparts [80]. In 2019, 100,294 PCIs were performed in the UK

compared with just over 14,000 CABG procedures [77]. However, several clinical

studies indicate lower rates of rehospitalisation and improved long-term survival

when using CABG to treat advanced CAD [81, 82]. This thesis is focused on CABG

and the use of vascular grafts.

CABG was first performed over fifty years ago using blood vessels from the

patient’s own vasculature [79]. Since then, the saphenous vein (SV) and the internal

thoracic artery (ITA), harvested from the leg and chest respectively, have become

the gold standard conduits for CABG [83]. Nevertheless, several adverse outcomes

have been documented when using these vessels. Firstly, veins do not make good

artery substitutes. Mismatched calibre between SVs and coronary arteries leads to

low patency rates, increasing the likelihood of graft failure and reoperation [84]. ITA

grafts offer better 10-year patency rates than SV grafts [85, 86]; however, in cases

where multiple bypasses are required, the ITA alone cannot provide enough tissue

for grafting. By adding atherosclerotic vessels and vein varicosity into the mix, it is

easy to see how the limitations associated with autologous vessels has fuelled interest

into alternative coronary artery conduits [83].

Donor tissue is more readily available than autologous tissue. Furthermore,

using donor tissue minimises the number of incision sites needed during surgery.

However, the tissue recovery process is inefficient. A 20-year analysis from the Eu-

ropean Homograft Bank revealed that 32% of arterial segments were discarded prior

to preservation, citing morphology and bacterial contamination as the most common

causes for rejection [87]. A more radical approach, and the one underpinning this

thesis, is to tissue-engineer coronary artery grafts using synthetic VMMs. While

polyester grafts have found reasonable success in repairing large arteries such as the

aorta [88], the search for small calibre (<6 mm) synthetic grafts remains challenging
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due to the intricate balance between EC behaviour, their surrounding mechanical

environment and graft success [89, 90]. Section 2.4 will introduce theory needed to

understand the mechanical environment of arteries (Section 2.5).

2.4 The Mechanics of Materials

2.4.1 Overview

So far, this thesis has introduced the cardiovascular system, the physiology of

healthy and diseased coronary arteries, and the need to develop synthetic grafts for

CABG. As well as discussing the biological activities of the artery wall, we must also

understand the impact of mechanical forces in maintaining arterial homeostasis and

initiating CAD. The biomechanics of the artery wall must therefore be factored into

the graft design process.

Before we can understand the biomechanical behaviours of the artery wall – or

design synthetic grafts that mimic them – we must first understand how materials

deform when subjected to external forces. This field of study, called the mechanics of

materials, is critical to predicting how a structure will perform under a prescribed

load and the mechanism through which it will fail. Four fundamental concepts

describing the deformation of soft biological tissues must be established:

• Stress and strain (Section 2.4.2);

• Linear elasticity and stiffness (Section 2.4.3);

• Hyperelasticity (Section 2.4.4);

• Viscoelasticity (Section 2.4.5).
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2.4.2 Stress and Strain

𝐹

𝐿0

𝐿

∆𝐿

𝑎

Figure 2.4: Uniaxial compression of a cylinder, showing the relationship between
the applied force (F ), initial length (L0) and compressed length (L).

Consider a cylinder of length L0, as displayed in Figure 2.4. Internal forces are

generated within the cylinder in response to applied load F . The engineering stress,

σ, is a measure of the internal resistance to compression per unit area (a) of the

cylinder (Equation 2.1).

σ =
F

a
(2.1)

The cylinder deforms in the direction of F by amount ∆L. Like stress, ∆L can be

normalised to the sample’s geometry. While ∆L provides an absolute measure of

deformation, it is more useful to define shape change in terms of the relative change

in length from the initial length. This unitless value is known as the engineering

strain, ϵ (Equation 2.2).

ϵ =
L− L0

L0

=
∆L

L0

(2.2)
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Converting force and displacement into stress and strain sheds light on the intrinsic

material properties of the cylinder. A stress–strain diagram is used to assess the

relationship between stress and strain. The shape of the curve tells us whether a

material is brittle or ductile, the stresses and strains at which elastic and plastic

deformation occur, and ultimately when a material will fail. For further detail on

stress and strain, the reader is directed to the textbook by Hibbeler [91].

2.4.3 Linear Elasticity

Many solid materials behave elastically. A material is perfectly elastic if it returns

to its initial dimensions after an external load is removed. Consider the cylinder

in Figure 2.4 once more. If the amount of force needed to compress the cylinder is

directly proportional to the induced displacement (x), Hooke’s law is instated:

F = −kx (2.3)

where k is the proportionality constant. Converting force and displacement to stress

and strain yields the Young’s modulus of elasticity, E:

E =
σ

ϵ
(2.4)

While k is an extrinsic property of the cylinder, E is an intrinsic property of the

constituent material. E is therefore a measure of material stiffness: the greater the

value of E, the more stress that is needed to induce a specified strain. It should

be noted that E is the elastic modulus in tension and compression; different elastic

moduli exist for other modes of deformation. In reality, no material is perfectly

elastic. Hooke’s law (and therefore E) is only applicable for very small deforma-

tions. This translates to the linear elastic region of a stress–strain curve. Beyond

this, plastic (permanent) deformation and failure occurs. For further detail on lin-
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ear elasticity and stress–strain diagrams, the reader is directed to the textbook by

Hibbeler [91].

2.4.4 Hyperelasticity

(A)

𝐸1

𝐸3

𝐸1 ≠ 𝐸2 ≠ 𝐸3

𝐸2

(B)

𝜖21

𝑋3

𝑋1

𝑋2

𝜖23

𝜖33

𝜖11

𝜖22

𝜖31

𝜖32

𝜖13

𝜖12

𝝐𝒊𝒋 =

𝜖11 𝜖12 𝜖13
𝜖21 𝜖22 𝜖23
𝜖31 𝜖32 𝜖33

Figure 2.5: (A) Example non-linear hyperelastic stress–strain curve. The shaded
area is represented by U ; (B) strain tensor for a 3D material.
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Hooke’s law describes linear elastic behaviour, which is a fair assumption for

many solid materials. For materials such as biological tissue and hydrogels, however,

the elastic behaviour is highly non-linear (Figure 2.5A). Such materials are said to

be hyperelastic. Although linear elastic theory can be used to model the elastic

behaviour of these materials at low strain, more complex constitutive models are

needed to accurately model elastic behaviour at larger strains [92].

Hyperelastic models use strain energy density functions, U , to relate the amount

of energy needed per unit volume of material to induce a given deformation [93].

The strain energy is equal to the area under the stress–strain diagram. Several

assumptions are made when formulating U : (1) the stress–strain relationship is

strain-rate independent; (2) the material does not display hysteresis and all

energy is recovered upon removal of load; and (3) the material is nearly or

completely incompressible [93]. Isotropic hyperelastic models also assume the

material is homogeneous [93]. Anisotropic formulations (notably the Holzapfel-

Gasser-Ogden model [94]) have been developed to model the collagen

fibre-reinforced behaviour of arterial tissue [95], but their theory go beyond the

scope of this thesis. Hyperelastic models may be phenomenological (derived from

experimental observations) or mechanistic (derived from an understanding of the

underlying microscopic structure of the material, such as networks of idealised chain

molecules) [96, 97]. As hyperelastic models will be fitted to experimental test data

in later chapters, only the theory behind phenomenological models will be discussed.

Phenomenological models are formulated by fitting mathematical functions

derived from mechanical principles to experimental test data obtained under

uniaxial, biaxial and/or shear loading [92, 93]. Models are chosen based on their

ability to accurately reproduce experimental data across all relevant loading modes.

Additional factors influencing model choice include material type, ease of imple-
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mentation and the number of constitutive parameters with unique solutions [93, 96,

98]. In practice, hyperelastic models containing the fewest parameters needed to

accurately model the stress–strain response of the material are desired to increase

model practicality, especially in terms of the number of experimental tests needed

and computational cost [92, 98].

Two key types of isotropic phenomenological models have emerged. The first

are expressed by principle stretches (λi). Considering Figure 2.4 once more, λi are

given by the ratio of L and L0 in dimension i. λi can be related to strain using

Equation 2.5.

λi =
Li

L0i

=
L0i +∆Li

L0i

= 1 +
∆Li

L0i

= 1 + ϵi (2.5)

The Ogden model is an example of a hyperelastic model based on principle stretches

(Equation 3.13).

U (Ogden) =
N∑
i=1

2µi

α2
i

(λ̄αi
1 + λ̄αi

2 + λ̄αi
3 − 3) (2.6)

where λi are the principle stretch ratios and µi and αi are material constants

describing the shear behaviour.

The second common type of phenomenological models are expressed by the

principal invariants of the strain tensor ϵ, Ii (Figure 2.5B, Equations 2.7–2.9).

I1 = tr(ϵ) (2.7)

I2 =
1

2
[tr(ϵ)2 − tr(ϵ2)] (2.8)

I3 = det(ϵ) (2.9)

For incompressible materials, I3 = 1; thus, U is a function only of I1 and I2 [99].

Polynomial-based strain energy functions are based on I1 and I2 (Equation 3.11).

U (polynomial) =
N∑

i+j=1

Cij(Ī1 − 3)i(Ī2 − 3)j +
N∑
i=1

1

Di

(Jel − 1)2i (2.10)
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where N is the order of the polynomial, Jel is the elastic volume ratio and Cij and

Di are material constants that describe the shear (Cij) and compressibility (Di)

behaviour of the material. For fully incompressible materials, Di = 0 [98] and the

compressibility term is subsequently eliminated to yield Equation 3.11.

U (polynomial) =
N∑

i+j=1

Cij(Ī1 − 3)i(Ī2 − 3)j (2.11)

If I2 is omitted, the polynomial model degenerates into a reduced polynomial model

of the general form shown in Equation 3.12.

U (reduced polynomial) =
N∑
i=1

Ci0(Ī1 − 3)i (2.12)

Specific forms of each model are obtained for specific choices of Cij. For example,

the Mooney-Rivlin form follows the first order polynomial model (Equation 2.13).

U (Mooney −Rivlin) = C10(I1 − 3) + C01(I2 − 3) (2.13)

Meanwhile, when the order of the reduced polynomial model is set to 3, the Yeoh

form is obtained (Equation 2.14).

U (Y eoh) = C10(I1 − 3) + C20(I1 − 3)2 + C30(I1 − 3)3 (2.14)

2.4.5 Viscoelasticity

A viscoelastic material exhibits both solid-like (elastic) and fluid-like (viscous) prop-

erties. If an applied stress is removed from a purely elastic material, the material

will immediately recover its original shape. Conversely, a purely viscous material

shows time-dependent deformation behaviour and will retain its new shape. This

difference is attributed to each material’s ability to dissipate energy. The elastic

material stores all of the energy exerted upon it as elastic potential energy until the

load is removed. Meanwhile, the viscous material irreversibly dissipates the energy.
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Polymers, including the natural polymers comprising the vascular ECM, are

viscoelastic. Long polymer chains stretch under mechanical loading to store

energy elastically; the same polymer chains also reorganise over time to dissipate the

induced stress [100]. The elastic response is characterised by the storage modulus,

E ′, and the viscous response is characterised by the loss modulus, E ′′. The com-

bination of elastic and viscous contributions is given by the dynamic modulus of

elasticity, E∗:

E∗ = E ′ + iE ′′ (2.15)

The relative contributions of E ′ and E ′′ are strain rate dependent, meaning the

viscoelastic response at short relaxation times (seconds and less) differs to that

observed at long relaxation times (minutes to days) [101]. Long-term viscoelasticity

is assessed using stress relaxation and creep tests. Stress relaxation measures the

gradual decrease in stress of a material when held at a constant strain, while creep

measures the gradual increase in strain of a material when held at a constant stress.

t

Applied stress ( t) Measured strain ( t)

Figure 2.6: Applied sinusoidal load and corresponding displacement waveform of
a viscoelastic material, plotted as a function of time t.
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Long-term viscoelasticity is characterised using quasi-static loads. However,

blood vessels are subjected to dynamic loads. The resting adult human heart

beats roughly 65–75 times per minute [50]. Using a mechanical characterisation

test that simulates the dynamic nature of pulsatile blood flow is therefore crucial to

understanding the short-term viscoelastic response of the artery wall at

physiologically relevant frequencies [102].

Dynamic mechanical analysis (DMA) characterises the short-term E∗ of a

material by applying a sinusoidal force F in the frequency range of interest and

recording the resulting sinusoidal displacement response x or vice versa (Figure 2.6)

[103–105]. To calculate E∗ at a given frequency, F and x are first transformed from

the time domain using a fast Fourier transform; the ratio of peak F to peak x gives

the dynamic stiffness, k∗ (Equation 2.16). Dividing k∗ by the shape factor S of the

sample, where S is calculated as the sample’s volume, gives E∗ (Equation 2.17).

k∗ =
F ∗

x∗ (2.16)

E∗ =
k∗

S
(2.17)

The phase lag δ, calculated as the difference in phase angle between the two waves,

reflects the material’s tendency to recover elastic energy (δ → 0◦) or flow (δ → 90◦).

Thus, the δ of a viscoelastic material falls between 0◦ and 90◦, and the elastic (in

phase) and viscous (out of phase) components of stress can be resolved from E∗

using δ, as demonstrated in Figure 2.7.
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Figure 2.7: Using δ, E∗ can be solved for E ′ and E ′′.

2.5 The Mechanical Environment of Arteries

2.5.1 Haemodynamic Forces

Section 2.4 provided the background theory for understanding the solid mechanics

phenomena (linear elasticity, hyperelasticity and viscoelasticity) that are observed

as a result of the artery wall structure outlined in Section 2.2. Understanding the

mechanical environment of arteries is critical to deciphering the physiological

functions of arteries in vivo and the requirements of synthetic grafts for CABG.

The following sections will provide an overview of the relationship between ECs and

their surrounding mechanical environment, and highlight mechanical considerations

in the context of coronary artery graft development.

Blood circulation through the vasculature generates a complex array of

interrelated mechanical forces [106]. Furthermore, these forces are transient, driven

by changes in the cardiac cycle and subsequent propagation of the blood pressure
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Figure 2.8: Haemodynamic forces acting on an idealised artery wall.

pulse [107]. As such, the endothelium is subjected to a combination of dynamic

forces arising from fluid flow [106, 107]. These haemodynamic forces are depicted in

Figure 2.8.

Haemodynamic forces act directly on ECs. Blood flow through the artery, for

instance, creates frictional drag parallel to the luminal surface of the endothelium.

This tangential force, commonly referred to as the wall shear stress (WSS), is highly

sensitive to the vessel geometry [108]. Moreover, while blood flow through straight

regions of the vasculature is laminar and unidirectional, bifurcated regions are asso-

ciated with turbulent flow, flow separation and comparatively lower time-averaged

WSS [108]. Differences in the average curvature [109] and torsion [110] of the three

main human coronary arteries (the left descending anterior (LAD) artery, the left

circumflex (LCX) and the RCA) as they wrap around the epicardium result in

varying levels of WSS exposure, with low WSS defined as WSS <0.43–0.68 Pa

and high WSS defined as WSS >0.86–1.30 Pa [111]. As low time-averaged WSS
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is implicated in the progression of atherosclerotic plaque growth and constrictive

remodelling in patients with CAD [111–113], high and low WSS are considered

atheroprotective and atheroprone, respectively [114].

In addition to shear stress, pulsatile changes in blood pressure also exert a

perpendicular force on the artery wall [115]. Internal stresses are generated in the

wall to counteract wall distension under pressure. This phenomenon, known as cyclic

stretch, is impacted by the vessel thickness, diameter and elasticity [116]. Internal

wall stresses induced by cyclic stretch are several orders of magnitude larger than

WSS [117].

Notably, the mechanical influence of circumferential stretch on EC and VSMC

function represents a key research theme spanning several decades [118–121]. VSMCs,

for example, produce more collagen under sustained high pressure to increase wall

thickness and restore circumferential wall stress to homeostatic levels [122]. 5–10%

EC stretch (with respect to the cell’s original dimensions) is considered

physiologic and is associated with an atheroprotective phenotype; EC stretch ≥18%

is considered pathologic and is associated with an atherogenic phenotype [123, 124].

Compared with ECs cultured under static conditions (as may be observed in vivo

due to stagnant flow), ECs subjected to cyclic stretch are elongated and oriented

perpendicular to the stretch direction to reduce tension [125].

In vivo, the arterial pressure never drops to 0 mmHg; thus, the circumferen-

tial stress (σθ) field of the artery wall never reaches zero [62]. In addition, the

existence of residual stresses within arteries (stresses that remain within the wall,

even when free of all external loads) has been known for 40 years [126].

Residual stresses are believed to maintain homeostasis by controlling the stress

gradient within and across the layers of the arterial wall [127], and pathological
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changes in σθ can trigger vascular remodelling [128]. In CAD, regions of pressure-

induced high σθ are believed to contribute to the localisation of atherosclerotic

plaques [129] and plaque rupture [118, 130]. Therefore, understanding and

measuring the σθ profile of the artery wall provides insight into the pathological

events associated with CAD.

Although many studies investigate the relationship between cyclic stretch and

circumferential stress and strain, the three-dimensionality of the wall also generates

stresses and strains in the radial and axial directions [131, 132]. Research suggests

that radial and axial displacement are coupled and mediated by the distending

pressure waveform [131, 133]. Axial stresses are implicated in the progression of

atherosclerosis, with stenoses increasing longitudinal wall stress proximal to the

stenotic lesion [132].

2.5.2 ECM Stiffness

Alongside the haemodynamics forces associated with fluid flow, ECs are also sub-

jected to contact forces derived from the underlying matrix stiffness and topology

of the artery wall [106, 107, 134]. ECs adhered to the vessel wall exert contractile

forces that deform the basal membrane to a magnitude proportional to the stiffness

and thickness of the underlying tissue [135, 136]. It is thought that the collective

forces transmitted by ECs are integrated over the endothelium, allowing cells to

sense the effective stiffness of all three layers of the artery wall [136].

A large range of elastic moduli have been reported for coronary arteries,

spanning from 0.09 MPa to 10 MPa [9]. The discrepancy between values is

attributed to age, anatomical location, pathology and measurement method;

notably, the stiffness of excised vessels differs to pressurised vessels due to their
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hyperelasticity [134]. In addition, the elastic moduli of arteries measured using

mechanical testing differs to that measured using atomic force microscopy, with

the former measuring bulk stiffness and the latter measuring local stiffness [106].

Irrespective of these factors, arterial stiffness is predominantly determined by the

relative composition of compliant elastin and rigid collagen [29]. The balance

of elastin and collagen is layer-specific and is affected by age, disease and the

haemodynamic environment outlined in Section 2.5.1. For instance, pathogenic

cyclic stretch activates elastolytic enzymes responsible for elastin degradation in the

media [137]. The regulatory impact of ECM stiffness on physiologic and pathogenic

EC behaviour makes ECM stiffness a key contributor to the mechanical environment

in coronary arteries.

2.5.3 Mechanotransduction

The endothelial processes outlined in Section 2.2.2, such as the maintenance of

blood coagulation, immune response and vasomotor tone, are not only regulated by

chemical mediators but also by haemodynamic forces [115]. ECs act as a sensor

and transducer of the mechanical forces produced by the local microenvironment

[107, 115, 138]. This process, known as mechanotransduction, allows ECs to convert

mechanical signals into functional responses under both physiological and

pathological conditions [107].

The general mechanotransduction process may be simplified as follows: a

mechanosensor (a cellular structure expressed on the EC surface that is

capable of sensing physical forces) detects a mechanical signal → the mechanosen-

sor activates multiple complex signalling pathways within the cell → these sig-

nalling pathways activate transcription factors that modulate gene expression →
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protein expression is subsequently triggered or suppressed [139]. The resulting up- or

down-regulation of these proteins has short- and long-term atheroprotective or

atherogenic effects on ECs. The mechanical environment therefore plays a pivotal

role in determining vascular health.

ECs rapidly detect the haemodynamic forces and ECM-derived forces outlined

in Sections 2.5.1 and 2.5.2. An enormous variety of mechanosensors have been identi-

fied (Figure 2.9) [140]. These include luminal mechanosensors (eg G-protein-coupled

receptors and mechano-activated ion channels), junctional mechanosensors (eg the

PECAM-1/VE-cadherin/VEGFR-2 complex [141]) and basal mechanosensors (eg

integrins) [115]. Each mechanosensor plays a pivotal role in dictating EC growth,

differentiation, migration and survival through regulation of mechanosensitive genes.

Luminal and junctional mechanosensors are often involved in shear-mediated cell

signalling, while basal mechanosensors sense ECM type and stiffness [115].

ECM
Integrins

Mechanosensitive 

ion channels

Junctional 

complex

Glycocalyx

G protein and 

G protein-coupled 

receptor

Primary cilium

Nucleus

Cytoskeleton

Figure 2.9: Types of mechanosensor structures that form the EC mechanosensory
system.

It is unsurprising that WSS-mediated mechanotransduction has dominated the
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literature due to the link between atherogenic flow and CAD progression. Figure

2.10 summarises the expression of several key transcription factors linked to athero-

protective and atherogenic flow [142]. The figure is intended only to give the reader

a taste of EC mechanotransduction in response to mechanical stimulation – the

transcription factor Nrf2, for example, regulates the expression of >1000 genes [143],

and WSS has been linked to the transcription of hundreds of mechanosensitive genes

[144]. However, mechanosensitive genes are also mediated by cyclic stretch, lateral

pressure, and substrate stiffness and topology.

Cyclic stretch is known to alter both EC morphology and cellular signalling

through mechano-activated ion channels and integrins [123, 124]. Our understand-

ing of cyclic stretch-mediated mechanotransduction pathways is constantly evolving:

the recent transcriptome analyses by Lai et al, for instance, mapped pathologi-

cal stretch to four key endothelial responses driven by eight transcription factors

[123]. They also identified transcription factors mediated by both physiological

cyclic stretch/WSS (and pathological cyclic stretch/WSS), highlighting the syn-

ergy between the different domains of the mechanical environment to determine

atheroprotective and atherogenic behaviours in arteries [123].

2.5.4 Significance for Coronary Artery Grafts

Understanding the mechanical environment of arteries and the interactions of ECs

with their mechanical microenvironment is critical for the design of functional

coronary artery grafts [107]. These grafts are intended to replace diseased sections

of the coronary vasculature; once implanted, they are subjected to the dynamic

forces of the cardiovascular system. Sections 2.5.1–2.5.3 highlighted the influence of

mechanical stimuli on EC phenotype. It follows that, if the mechanical behaviour of
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Figure 2.10: Examples of transcription factors (KLF2, Nrf2, NF-κB and AP-1)
and their downstream products under atheroprotective and atherogenic flow.

a synthetic graft is sufficiently different to healthy arterial tissue, ECs will sense and

translate abnormal mechanical cues into potentially pathogenic behaviours through

activation of transcription factors related to vascular remodelling, triggering graft

failure [145].

Consider the response of a rigid synthetic graft under pulsatile flow. Many of
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the mechanotransduction pathways of grafted ECs are mediated by flow patterns

created at the anastamoses (and thus the compliance difference between the graft

and native vessel) [146]. Small calibre grafts, including those designed for CABG,

often fail due to compliance mismatch between the synthetic graft and adjacent

tissue [8, 89]. The reduced distensibility of rigid synthetic grafts disrupts the elastic

recoil of adjacent arterial tissue during diastole [8, 147]. The reduced propagation

of pulsatile energy at the graft–artery interface weakens the artery and is a known

cause of anastomotic aneurysm formation [8].

In addition, the mismatch in material stiffness alters the anastomotic geometry,

generating turbulent flow patterns around the anastamoses [8]. Disturbed flow pro-

motes downstream platelet aggregation and thrombus formation; meanwhile, flow

separation zones trigger release of growth factors which increase the proliferation of

VSMCs and myofibroblasts [147]. Decreased mean WSS, increased oscillating WSS

and suture line stresses have all been linked to increased EC injury and inflam-

mation in vascular grafts [148]. Furthermore, studies on hydrogels exceeding the

stiffness of subendothelial matrix of bovine carotid arteries have demonstrated that

comparatively increased graft stiffness destabilises EC–EC junction integrity,

increasing the permeability of the endothelium [149]. The combination of increased

endothelial permeability and recruitment of inflammatory cells triggers a positive

feedback loop for intimal hyperplasia, a major contributor to loss of graft patency

[147].

Integrating biomimetic stiffness and related biomechanical behaviours into the

graft design may therefore increase their success by negating aneurysm and

neointima development [89, 106]. Section 2.6 will explore the requirements of

synthetic grafts and VMMs in more detail and outline the potential of PVA cryogel

to meet the mechanical environment of arteries.
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2.6 Vascular Mimicking Materials

2.6.1 Synthetic Graft Requirements

Figure 2.11: Key requirements of VMMs for use in cardiovascular grafts.

So far, this chapter has highlighted the importance of engineering synthetic

coronary artery grafts that emulate the physiological functions of a healthy artery.

The design challenges associated with doing so have been thoroughly reviewed over

the last two decades [89, 90, 150–153], and are summarised in Figure 2.11: specifi-

cally, a VMM must demonstrate suitable haemocompatibility and mechanical prop-

erties and be easily manufacturable (Figure 2.11). The lack of clinically-approved

small calibre synthetic grafts is therefore explained by the sheer number of properties

a graft must possess in order to ensure long-term success in a low-flow environment.
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Sections 2.6.1.1–2.6.1.3 will briefly summarise the key requirements outlined in

Figure 2.11 in the context of commonly-used VMMs for bypass surgery.

2.6.1.1 Mechanical Properties

The strength, elasticity and fatigue response of a VMM should match that of healthy

coronary arteries [151]. Expanded polytetrafluoroethylene (ePTFE) and Dacron,

two synthetic grafts that display acceptable long-term patency in large calibre

reconstructions, show poor patency in small calibre vessels. This is attributed to the

rigidity of ePTFE (0.014–4 GPa [154, 155]) and Dacron (11 MPa [155]) grafts. The

compliance of ePTFE (0.90 %/100 mmHg−1 [156]) and Dacron (1.90 %/100 mmHg−1

[156]) are subsequently lower than that reported for porcine coronary artery (6.69–

8.02 %/100 mmHg−1 [157]). Compliance mismatch, and the resulting disturbed

blood flow through the graft, promotes neointimal hyperplasia. Neointimal hyper-

plasia shares a similar pathology to atherosclerosis, whereby VSMCs migrate and

proliferate in the intima. Intimal thickening occurs as a result of fibrous tissue forma-

tion, leading to restenosis of the host vessel. Neointimal hyperplasia is a prominent

cause of graft failure [8, 158]. Two-thirds of ePTFE grafts, for instance, fail within

2 years of implantation when used for CABG [152].

2.6.1.2 Haemocompatibility

Poor endothelialisation of a synthetic graft triggers thrombosis. In humans, endothe-

lial outgrowth from adjacent arteries is limited to 1–2 cm from the anastomoses

[159]. In addition, grafts may be stripped of their endothelium when exposed to

shear stress in vivo [160]. A lack of midgraft endothelial coverage reduces the blood

compatibility of the graft, increasing the risk of platelet activation and thrombus
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formation [161]. Untreated Dacron and ePTFE are known thrombogenic materials

with documented platelet activation and leukocyte adhesion properties [162–164].

Blood clot formation is a major cause of graft failure in small-diameter, low flow

vessels [163].

Clearly, the haemocompatibility and mechanical properties of a VMM must be

considered in tandem. At the most fundamental level, thrombosis will occur without

a functional endothelium, and the endothelium will not survive arterial pressures

without sufficient adherence to a graft of adequate strength. The graft must be able

to support blood flow without bulging or bursting, and it must not induce turbulent

flow or high stresses around the anastomoses with the host vessel [8].

2.6.1.3 Ease of Manufacture

From a clinical product standpoint, a VMM should be cheap, easy to manufacture

according to the vascular dimensions of arteries, and remain stable when stored

long-term. Practically speaking, the suturability and durability of a VMM during

handling is important – which is partly determined by flexibility and porosity, factors

which impact its biomechanical behaviour. The manufacturing process must be

regulated, quality controlled, sterile and should not involve any steps or reagents

that may trigger a negative immunogenic or cytotoxic response [152]. Manufacturing

methods of interest in this thesis will be reviewed in more detail in Section 2.7.3.

2.6.2 Hydrogels

Hydrogels are crosslinked polymeric networks with compositional properties that

can be engineered to resemble the mechanical and biochemical properties
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of native ECM. They are hydrophilic, capable of absorbing water and other

biological fluids up to several thousand % of their initial weight without

dissolution [165]. Furthermore, their interconnected pore structure enables the

diffusion of oxygen and nutrients to cells distributed throughout their volume.

Hydrogels therefore meet many of the synthetic graft requirements outlined in

Figure 2.11 and provide the 3D microenvironment needed to guide tissue

regeneration [165–167].

A hydrogel can be classified according to any number of its properties, from its

ionic charge to its physical appearance [167]. As the organisation of polymer chains

on the micro- and nanoscale has a profound impact on many of a hydrogel’s physical

and mechanical properties, it is often convenient to classify hydrogels by the nature

of their crosslinks [168]. Crosslinks are the intra- and intermolecular connections that

hold the polymer chains in place; they are responsible for maintaining the structural

integrity of the hydrogel under external load. (Photo)chemical crosslinking agents

are commonly used to introduce permanent covalent bonds between chains. Alter-

natively, physical crosslinks may be created by exploiting reversible intermolecular

interactions between chains, including molecular entanglements, crystallite forma-

tion and hydrogen (H)-bonding. For more detail on the chemical and physical

crosslinking strategies commonly used to fabricate biomedical hydrogels, the reader

is directed to the review by Hu et al. [166].

The simplest hydrogels comprise single monomer species. Poly(ethylene gly-

col) and poly(vinyl acetate), for example, are prepared through polymerisation of

ethylene oxide and vinyl acetate, respectively. However, additives are often added to

homopolymeric hydrogels to improve their functionality [169, 170]. An array of com-

posite hydrogel systems have been developed for biomedical applications. In this

thesis, polymer blends that combine two synthetic and/or natural polymer com-
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ponents are of interest. More specifically, PVA-based blends that simultaneously

enhance the biological activities and mechanical properties of PVA to mimic native

ECM are covered in Section 2.6.3.

2.6.3 Poly(vinyl alcohol) (PVA) Cryogels

(A)

(B)

Ordered 

crystalline 

region

Disordered 

amorphous 

region

Figure 2.12: (A) The structure of PVA crosslinks formed using freeze–thaw (FT)
cycling. Examples of pendant hydroxyl and acetate groups are highlighted in orange
and blue, respectively. Hydrogen bonds are represented by dashed lines; (B) The
semi-crystalline structure of PVA cryogel. The solid polymer network is represented
in black; bulk water fills the interstitial space between the polymer network, repre-
sented in light grey.

PVA is a synthetic, semi-crystalline polymer. With the relatively simple

molecular formula [CH2CH(OH)]n, it is synthesised industrially through the

hydrolysis of poly(vinyl acetate). The degree of acetate to alcohol substitution is

known as the degree of hydrolysis. While fully hydrolysed PVA is homopolymeric, a

degree of hydrolysis of <100% renders PVA a copolymer of vinyl alcohol and vinyl

acetate.
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The pendant hydroxyl groups of PVA (Figure 2.12A) may be crosslinked to

form hydrogels with specific porosity and variable mechanical properties. In the

context of cardiovascular tissue engineering, PVA grafts have been manufactured

using chemical [171–175] and physical [12, 176–180] crosslinking methods. The

nature of crosslinking influences many aspects of graft performance, including

biodegradability and blood compatibility. Notably, chemical crosslinkers such as

glutaraldehyde can incite thrombus formation through increased platelet activation

[181]. Unreacted crosslinker could also leach from the gel matrix after implantation.

The ability to physically crosslink PVA through repetitive freeze–thaw (FT) cycles

offers a simple and cost-effective method to manufacture hydrogels under compara-

tively milder experimental conditions.

Thermally crosslinked hydrogels are commonly referred to as cryogels, and will

remain the focus of this thesis herein. The structure of PVA cryogel is depicted in

Figure 2.12B. FT cycling exploits the phase separation of PVA solution at sub-zero

(◦C) temperatures and the subsequent crystallisation of polymer upon thawing to

form a stable elastic gel [182]. During the freezing step, ice crystal formation drives

the separation of PVA-rich and PVA-poor phases as PVA chains are expelled from

the expanding ice. The high concentration and close proximity of polymer within

the PVA-rich phase then facilitate crystallite growth through inter- and intrachain

H-bonding. Interchain H-bonds are shown in Figure 2.12A. Once thawed, two phase

domains prevail: a polymer-rich phase, consisting of crosslinked PVA crystallites and

amorphous (uncrosslinked) PVA entanglements; and a bulk water phase, situated in

the interstitial pores of the cryogel. Repeating the FT cycle reinforces the polymer-

rich phase; multiple FT cycles are often used to increase crystallinity and thus the

Young’s modulus of the gel [183].

The inherent biocompatibility and hydrophilicity of PVA cryogel, combined
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with the ability to refine mechanical properties through simple adjustments in

manufacturing parameters, renders it an attractive candidate for a diverse range

of biomedical and tissue engineering applications [10, 11]. PVA cryogel has not only

been investigated as a VMM, but also as articular cartilage and meniscus tissue

replacements [184, 185], intervertebral disc prostheses [186], artificial corneas [187],

wound dressings [188, 189] and drug delivery agents [190]. As such, many studies

have sought to quantify the impact of formulation and process parameters on the

cryogelation of PVA. Key parameters include:

• The degree of hydrolysis [191, 192];

• The molecular weight, Mw, of the polymer [103, 193];

• The concentration, often expressed as weight per weight (w/w) or wt% [103,

180, 182, 183, 186, 192–194];

• The freezing/thawing temperature and/or rate [180, 195];

• The number and/or duration of FT cycles [13, 103, 180, 183, 193, 196, 197];

• Polymer coagulation treatment and salt addition [13, 198–200].

Each parameter affects the processability of PVA and determines the extent

of polymer crystallisation. Highly concentrated PVA solutions (>30–40 wt%) have

poor flowability due to their increased viscosity [10]. This restricts their use in

applications where geometrical precision and/or material extrusion is required, such

as in electrospinning [201, 202] and cryogenic 3D printing [15, 16]. Meanwhile,

the presence of bulky hydrophobic acetate groups disrupts the formation of crystal-

lites during the FT cycle. Subsequently, partially hydrolysed PVA cannot gelate at

concentrations lower than 12 wt% [191]. The mechanical properties of PVA cryogel

will be discussed further in Chapter 3.
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2.6.3.1 Composite PVA Cryogels

Pure PVA cryogel often cannot provide the optimuum properties required for each of

the biomedical applications highlighted in Section 2.6.2. Cartilage replacements, for

instance, must demonstrate lubricating properties under high load conditions [184].

On the other hand, artificial corneas must maintain high optical transparency and

demonstrate integration with surrounding ocular tissue [186]. As such, PVA may

be combined with polymers, ceramics, biologic agents and nanomaterials to provide

enhanced biological, chemical and mechanical properties [11].

The need for composite PVA cryogels is exemplified by the demands of

cardiovascular grafts. Despite excellent biocompatibility, in vitro and in vivo

culture of ECs on PVA hydrogels reveals poor biointegration of PVA grafts [173].

This is explained by the inherent hydrophilicity of PVA [203] and the lack of

cell adhesive ligands required for integrin-mediated binding of ECs [204]. Surface

wettability experiments have demonstrated maximised cell adhesion on moderately

hydrophilic surfaces [205]. Hydrogen bonding between the hydrophilic hydroxyl

groups of PVA and water forms a water hydration barrier, increasing surface

wettability to the point of preventing protein adsorption [205, 206]. As cells

adhere to biomaterials through cell adhesion proteins rather than directly onto the

biomaterial surface [203], significant efforts to improve cellular adhesion have been

documented in the literature, and are grouped into the following methods:

• Blending PVA with natural macromolecules such as gelatin [12, 13, 174, 207]

and chitosan [208–210];

• Modifying the surface chemistry of PVA using techniques such as reactive ion

plasma [204, 205, 211, 212], covalent conjugation of cell adhesion proteins [172,
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173, 213, 214] and provision of topographical cues [212].

Each approach aims to introduce the functional groups required for peptide

bonding with integrins, the adhesion receptors responsible for EC proliferation,

differentiation and migration [215]. Crucially, none of these functional groups (amines,

amides and carbonyls) are present in the chemical structure of unmodified PVA [204,

205].

2.6.3.2 PVA/Gelatin Cryogels

Blending PVA cryogel with gelatin has been shown to be an effective method to

overcome the low bioactivity of the pure PVA [10]. The seminal study by Liu

et al. found that EC proliferation rates on PVA/gelatin cryogel exceeded those

on PVA/starch and PVA/chitosan cryogels, justifying the use of PVA/gelatin as a

VMM over other PVA/biomacromolecule blends [13]. The cell-interactive properties

of gelatin, a protein derived from denatured collagen, are well documented. Gelatin

contains the arginine–glycine–aspartate (RGD) peptide sequence, a motif that serves

as an attachment site for numerous cell types [216, 217].

From a commercial perspective, gelatin is cheap, readily available and performs

many of the biomaterial functions of pure (and expensive) ECM proteins [218]. It is

commonly extracted from porcine, bovine and fish skin; Type A and Type B forms

are obtained through the acid- and base-catalysed partial hydrolysis of Type I colla-

gen, respectively [219]. Gelatin is easy and cheap to store [220]. In addition, gelatin

is highly soluble and does not induce toxicity and antigenicity in cells [218]. Gelatin

therefore meets the VMM manufacturing requirements listed in Section 2.6.1 and

has found use in numerous biomedical applications, most notably in wound healing

and controlled drug release. Compared with collagen, however, gelatin lacks the
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mechanical and thermal stability required for long-term applications. Thus, gelatin

hydrogels are often chemically modified (eg gelatin methacryloyl [221]) and/or used

in conjunction with synthetic polymers (eg PVA) to improve their physical and

mechanical properties.

PVA cryogel shares many of the required mechanical traits of VMMs, including

hyperelasticity [195] and dynamic viscoelasticity [103]. While the lack of mechanical

characterisation of PVA/gelatin is a research gap that this thesis aims to address,

the stress–strain responses of PVA/gelatin up to 40% suggest that PVA/gelatin

performs similarly to pure PVA [13]. PVA/gelatin, in principle, meets all three VMM

requirement pillars set in Figure 2.11: it is haemocompatible, easy to manufacture,

and displays analogous mechanical properties to arteries. Although PVA and gelatin

gels are both easy to manufacture, PVA gels lack haemocompatibility and gelatin

gels lack stiffness; PVA/gelatin is expected to merge the advantages and overcome

the disadvantages associated with the two biomaterials in isolation.

Several studies have investigated the ability to culture an endothelium on

the surface of composite PVA/gelatin hydrogels in vitro [12, 13, 172, 174, 222].

However, a comprehensive parameter sweep investigating the impact of the

formulation and process parameters described in Section 2.6.3 on the

endothelialisation of PVA/gelatin cryogel has not, to the author’s knowledge, been

reported previously. Liu et al. were among the first to assess the potential of

PVA/gelatin cryogels as VMMs [13]. They determined that collagen adsorption,

used as a marker of protein adhesion to the biomaterial surface, and bovine

vascular EC proliferation were higher on PVA/gelatin composites than on PVA/-

chitosan and PVA/starch. In a later paper, they demonstrated how ramped shear

stress conditions help to accelerate endothelialisation times [12]. Ino et al. inves-

tigated the thrombogenicity of sodium trimetaphosphate-crosslinked PVA/gelatin
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films by studying static platelet adhesion and thrombin generation [174]. Both PVA

and PVA/gelatin films exhibited a lower and slower onset of coagulation compared

with Dacron [223].

Parikh et al. combined computational fluid dynamics with electrospinning to

design helical PVA/gelatin scaffolds with improved responsiveness to WSS [222].

Thanks to the helical geometry of the scaffolds, human coronary artery ECs seeded

onto the scaffolds were subject to spiral laminar flow, a predominant flow pattern in

the circulatory system [224], yielding increased expression of EC adhesion molecules

and mechanosensitive genes (eg Nrf-2) compared with conventional scaffolds [222].

ECs were more uniformly distributed on the helical scaffold and demonstrated an im-

proved atheroprotective response compared with conventional electrospun scaffolds.

While the authors noted that the nanotopology of the helical grafts was randomly

oriented in a manner analogous to the ECM, the multi-layered nature of arteries

was not accounted for during the design process.

Although each of these studies investigated aspects of the haemocompatibility

of PVA/gelatin grafts, mechanical characterisation was comparatively more limited.

Despite observing non-linear stress–strain behaviour up to 40% strain – a strain

range chosen to mimic the in vivo strain of porcine aortic root – Liu et al. did not

quantify hyperelastic constitutive parameters, reporting only the Young’s modulus

at 40% strain [13]. Vrana et al. acknowledged the viscoelasticity of PVA/gelatin

cryogel through quantification of water content and surface hydrophilicity, but did

not specifically characterise quasi-static or dynamic viscoelastic behaviour under

physiological load [12]. Ino et al. determined the compliance, burst pressure and

suture retention of their tubular scaffolds to assess suitability for implantation under

in vivo haemodynamic strains [174]. However, the link between these mechanical

properties and EC behaviour, such as atheroprotective and/or atherogenic gene
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expression, was not investigated. While Parikh et al. reported the expression of

nine mechanosensitive genes under WSS, the study focused solely on the impact

of scaffold geometry on shear response. The PVA/gelatin composition and electro-

spinning parameters were both fixed, leaving room for further optimisation of shear

stress responsiveness in future.

In 2018, Atlan et al. published the first report of a PVA/gelatin graft trans-

planted into an animal model [207]. The 1.4 mm-diameter tubular graft, manu-

factured using a hybrid chemical and physical crosslinking method, displayed in

situ endothelialisation and 75% patency after 4 weeks in a rat aorta model. While

the results were promising, they noted that increased thrombosis after 8–12 weeks

highlights the importance of PVA/gelatin graft aging when considering long-term

patency.

2.7 Design, Manufacture and Validation of Multi-

Layered Coronary Artery Grafts

2.7.1 Overview

Section 2.2 introduced the three-layered structure of the artery wall. The multi-

layered structure of arteries imparts complex mechanical properties; arteries are both

heterogeneous and anisotropic, meaning their properties vary with both

location and direction, respectively [225]. It is therefore reasonable to assume that

a single-layer, isotropic vascular graft cannot sufficiently replicate the heterogeneity

and anisotropy of native blood vessels. Replicating the heterogeneity of the artery

wall through synthetic graft design is a key research theme in this thesis. Multi-
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layered grafts can overcome the mechanical simplicity of homogeneous VMMs by

mimicking the structure–function relationship of the intima, media and adventitia

and have subsequently emerged as key next-generation synthetic grafts [150, 226].

The final background sections of this chapter will discuss the current status

surrounding the design, manufacture and validation of multi-layered coronary artery

grafts. Section 2.7.2 will introduce the concept of functionally graded biomateri-

als (FGBMs) and their applicability to mimicking the structural heterogeneity of

the artery wall. Section 2.7.3 will then review the manufacturing techniques that

enable multi-layered graft fabrication and Section 2.7.3.1 will discuss the opportuni-

ties these techniques provide toward the manufacture of PVA cryogel-based grafts.

Finally, Section 2.7.4 will highlight the role that computational methods such as fi-

nite element analysis (FEA) can offer towards the design optimisation and validation

of multi-layered coronary artery grafts.

2.7.2 Heterogeneous Graft Design Through Functional Grad-

ing

FGBMs are materials whose compositions and/or microstructures gradually change

along at least one spatial direction [228]. The heterogeneity of these properties

creates mechanical and/or biochemical gradients that the constituent phases cannot

reproduce in isolation. FGBMs are classified according to the presence (discontin-

uous) or absence (continuous) of interfaces between regions of opposing properties

(Figure 2.13). The global structure of the artery wall is discontinuous; the intima,

media and adventitia form three distinct layers and are separated by the internal

and external elastic lamina. However, local variations of cells and ECM proteins

within each layer impart localised regions of continuous grading.
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Figure 2.13: (A) Discontinuous FGBMs achieve grading through stepwise changes
in composition and/or microstructure; (B) continuous FGBMs achieve grading
through smooth transitions in composition and/or microstructure. (C) While a
discontinuous boundary is observed between the coronary media and adventitia,
collagen (red) and elastin (green) orientation and distribution vary throughout the
adventitia. Figure 2.13C reproduced from [227] with permission from Elsevier.
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For instance, morphometric analysis of the microstructure of the adventitia has

revealed that the orientation and transmural distribution of elastin and collagen

fibres varies between the inner and outer adventitia [229]. While dense concentric

layers of collagen and elastin form at the inner adventitia, the width, area fraction

and orientation randomness of collagen fibres increases towards the outer adven-

titia; meanwhile, elastin content decreases significantly (Figure 2.13C [227, 229]).

These differences are thought to contribute to the different functions of the inner

and outer adventitia, where the inner adventitia prevents overdistension at high

transmural pressure and the outer adventitia anchors the coronary artery to the

surrounding tissues [229]. Increased intralayer grading is also observed during both

aging and the onset of CAD, where migration of VSMCs from the media to the in-

tima creates regions of diffuse intimal thickening [230]. Furthermore, in early-stage

atherosclerosis, lipid pools have been shown to form predominantly in the deepest

subendothelial layers of the intima [231].

Thus, the artery wall can be considered a functionally graded structure, and

functionally graded grafts can be designed to mimic the heterogeneity of the artery

wall through gradual variation of the physical, mechanical and/or biological

properties of the graft through space [232]. In the context of tissue engineering, the

most studied functional gradients are composition, porosity, stiffness and biochem-

ical concentration due to their ability to directly impact cell behaviour [233]. The

comparative ease of implementing gradients in hard FGBMs through lattice design

over soft FGBMs has resulted in FGBMs being applied predominantly in orthopaedic

tissue engineering [234]. Nevertheless, the need for functional gradating has been

acknowledged for soft tissues such as blood vessels [14], and advances in the manu-

facture of soft FGBMs are opening the possibility to engineer vascular grafts with

controlled inter- and intralayer structural and compositional gradients. Section 2.7.3
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will outline strategies to engineer multi-layered artery grafts.

2.7.3 Manufacture of Multi-Layered Grafts

Three key methods have emerged for the manufacture of multi-layered artery grafts:

• Dip coating: an immersion technique where a substrate is dipped into and

withdrawn from a solution with controlled speed. The process may be repeated

multiple times to generate multiple layers and/or to reach the desired outer

diameter. A sacrificial core or glass mandrel is often used to manufacture

tubular vascular grafts [235, 236];

• Electrospinning: a voltage-driven manufacturing method that produces a

continuous stream of micro- and nanofibres. When applied to vascular grafts,

the electrospun fibres are often collected on a rotating mandrel to produce

a tubular graft [237]. Electrospinning yields grafts with high porosity and

randomised nanofibrous morphology akin to the ECM [238];

• AM : a manufacturing method that deposits material(s), typically layer-by-

layer, to create parts. Thanks to its integration with computer-aided design,

AM offers rapid prototyping capabilities and can be combined with medical

imaging to fabricate patient-specific grafts [239].

The design parameters and key benefits and limitations of each technique with

respect to cardiovascular tissue engineering are listed in Table 2.1. There is a vast

amount of literature exploring the application of dip coating, electrospinning and

AM to the fabrication of cardiovascular grafts; herein, only papers investigating

their implementation in the context of multi-layered artery grafts will be reviewed.
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Dip coating provides a simple and cost-effective method to manufacture multi-

layered artery grafts. For instance, Wang et al. manufactured tri-layered thermo-

plastic polyurethane grafts by controlling the number of immersion cycles of the

intima, media and adventitia-mimicking layers [240]. Yet, few studies have used

dip coating in isolation to create multi-layered grafts. Instead, dip coating is most

commonly used to modify the surface characteristics of synthetic grafts to increase

graft haemocompatibility [235, 241, 242].

Sequential electrospinning has been used to fabricate discontinuous grafts that

mimic the matrix-tissue compositions of the intima, media and adventitia [238].

Overcoating layers of small diameter fibres (designed for optimised EC adhesion)

with larger diameter fibres (designed for optimised mechanical stability) can be

used to create electrospun constructs with microarchitectures reflecting the intima

and combined media/adventitia, respectively [243]. However, while no delamination

was observed between layers in the bi-layered electrospun grafts of de Valence et al.

[243], these structures may be prone to delamination under loading as mechanical

stresses are concentrated at the interface of layers [244]. Gradient electrospinning

integrates the mechanical properties of each adjacent layer by gradually varying the

fibre diameter between layers, such that the graft will function (and fail) as a unified

structure [244]. Gradient electrospinning has also been used to incorporate chemical

gradients through the artery wall. By gradually increasing the deposition of chitosan

fibres toward the intimal surface of chitosan/polycaprolactone (PCL) electrospun

grafts and selectively conjugating heparin to chitosan, Du et al. obtained grafts

with enhanced endothelialisation and antithrombogenic properties compared with
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uniform chitosan/PCL grafts [254].

In all of the above cases, the overall geometry of electrospun grafts was limited

by the tubular geometry of the collection mandrel. This presents a key limita-

tion toward the manufacture of patient-specific artery grafts. The design freedom

and personalisation afforded by AM renders AM an attractive manufacturing tech-

nique across all domains of tissue engineering [255]. Moreover, elevated control of

material geometry, mechanical properties and spatial localisation of biomolecular

cues allows for rapid prototyping of tissue-engineered constructs resembling native

tissues [255]. Numerous types of AM have been developed to print a diverse range

of materials, including metals, ceramics, resins and hydrogels [256]; cardiovascular

AM alone encompasses the creation of patient-specific anatomical models, surgical

guides, vascular stents and vascular grafts [255]. In this thesis, hydrogel-compatible

AM platforms for the creation of coronary artery grafts or phantoms are of interest.

Bioprinting involves the deposition of cells and hydrogels into predefined

complex geometries; cell-laden hydrogels are often referred to as bioinks [257]. The

polymer components of bioinks act as the ECM and may be comprised of synthetic

(eg PVA), natural (eg gelatin) or combined elements. Multi-material bioprinting

allows manufacture of multi-layered graft constructs [258]. Despite great progress

towards the AM of artery grafts, AM grafts are still limited by the availability of

compatible hydrogels and bioinks that provide the necessary balance between cell

viability and mechanical stability and the resolution of AM platforms [259].

It is worth noting that multiple manufacturing methods can be combined to

maximise the advantages of multiple techniques. Coupling the strengths of electro-

spinning (high resolution with fibres analogous to native ECM) and AM (controllable

3D geometry and mechanical integrity) presents an innovative way of mitigating the
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weaknesses of electrospinning and AM in isolation [260]. This concept was first ap-

plied to PCL printed onto heparin-loaded electrospun poly-L-lactide (PLLA) tubular

scaffolds [261]. The outer PCL layer increased the ultimate tensile strength of the

graft while the heparin/PLLA layer provided an antithrombogenic surface optimised

for cell attachment [261]. Meanwhile, in their proof-of-concept study, Guerra et al.

combined the geometric capabilities of fused deposition modelling with dip coating

and electrospinning to create a five-step method for fabricating bifurcated, bi-layered

PCL grafts [262]. However, the authors noted that further studies are needed to test

the scaffold’s ability to maintain vascular pressure and support cells. Triple-layered

grafts have also been fabricated using combined AM/electrospinning. For instance,

PCL may be printed and electrospun to form three distinct layers, as verified by

scanning electron microscopy images [263, 264].

2.7.3.1 Manufacture of PVA Cryogel-based Grafts

The simplest method of manufacturing PVA cryogel-based grafts is casting.

Homogeneous tubular PVA/gelatin grafts have been fabricated by casting [207].

Casting has received ample attention in the development of PVA-based blood vessel

phantoms, with many of these phantoms used to study optical or acoustic signals

through the vessel wall [265, 266]. Tri-layer phantoms have been fabricated using an

overmoulding process [267]. The intima is first injected into a mould and subjected

to one FT cycle. By increasing the diameter of the mould after each FT cycle and

injecting PVA solution into the resulting void, multi-layer grafts are obtained [267].

While the technique is effective at creating discontinuous FGBMs, it is limited to

creating isotropic, homogeneous tissue layers.

Dip-coated tubular PVA cryogel grafts have also been fabricated as blood

55



2 | BACKGROUND

vessel phantoms and preoperative models [245, 268]. A 3D-spin dip coating

system, whereby the mandrel is spun after withdrawal from the PVA solution

and before initiating the FT cycle, is needed to form layers of uniform thickness

[245, 268]. By controlling the viscosity of PVA, number of dip cycles, withdrawal

speed and mandrel diameter, homogeneous dip-coated PVA cryogel grafts have been

manufactured with wall thicknesses between 30–250 µm (one dip) and 40–580 µm

(four dips) [268]. In theory, a heterogeneous multi-layer graft can be obtained by

varying the composition of PVA/gelatin solution between dip cycles. However, the

reliance of layer thickness on viscosity, withdrawal velocity and the geometry of the

mandrel present limiting factors to fabricating more complex graft designs. Stereo

dip coating provides angular control over the dip coating process and presents an

alternative route for the fabrication of dip-coated PVA cryogel grafts with tortuosity

[245]. Nevertheless, the design of stereo dip-coated grafts is still inhibited by the

geometry of the mandrel and, much like cast grafts, the interface behaviour cannot

be controlled.

It is also possible to fabricate PVA cryogel-based grafts using electrospinning.

Liu et al. cast PVA/gelatin into a mould lined with a fibrous electrospun PVA-

styrylpyridinium mat before subjecting the mould to 1 FT, obtaining a composite

graft with a fibre-reinforced ’intima’ [269]. While electrospinning is highly effective

at producing physiologically relevant surface topographies, the need for a mandrel

or mould remains a key limitation toward the development of multi-layered vascular

grafts.

Sub-zero AM, also referred to as cryobioprinting, offers an innovative way of

fabricating PVA cryogel-based grafts with increasing geometric complexity. Sub-zero

AM is an extrusion-based technique that employs a frozen print bed to freeze the

extruded bioink upon contact. The in situ freezing step yields freeform structures
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that retain their spatial geometry upon thawing. From a manufacturing perspec-

tive, the technique doubles as a cryopreservation method and therefore presents

a compelling method for one-step fabrication and long-term storage of synthetic

tissue scaffolds [270]. The sub-zero AM of PVA has been used to print a diverse

range of soft and hard tissue scaffolds [15–17, 271]. To the author’s knowledge, sub-

zero AM has not yet been explicitly applied to the manufacture PVA cryogel-based

vascular grafts; nevertheless, many of the concepts are applicable to the fabrication

of vascular grafts and thus this thesis.

2.7.4 Graft Validation Through Computational Modelling:

The Finite Element Method

Figure 2.14: Discretisation of coronary artery wall, plaque, balloon and stent for
the simulation of PCI. Reprinted from [20] with permission from Elsevier.

Sections 2.7.2 and 2.7.3 provided the justification for heterogeneous artery grafts

and an overview of the manufacturing methods available enabling their manufac-

ture, respectively. It follows that the mechanical and biological responses of different
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heterogeneous graft designs must also be validated with respect to the specific artery

they are designed to replace. Generally speaking, graft behaviour can be validated

using in vitro, in vivo and/or in silico testing. The mechanical characterisation

of (multi-layered) grafts, for example, is typically performed in vitro using meth-

ods such as uniaxial testing, burst pressure testing and suture retention testing

[243]. Although these measurements provide insight into the overall strength and

handling properties of the graft, the full mechanical response of synthetic grafts un-

der physiological pressure, and the potential impact of this response on the function

of adhered ECs, cannot be understood from in vitro test data alone. For instance,

mechanical testing cannot measure how stress is internally distributed throughout

the graft wall, nor can it relate these stresses to the mechanotransduction pathways

of the endothelium.

Computational models derived from empirical data offer insight into the

biomechanical behaviour of implants under physiological conditions. FEA is widely

used in the design and analysis of orthopaedic implants [272–274] and cardiovascular

stents [19–22]. It can also be used to inform cardiovascular graft design [23, 275].

These models aim to address the same questions: how does a synthetic graft per-

form under physiological pressure, constrained by physiologically relevant boundary

conditions? Can we use computational models to identify which design parame-

ters provide the desired biomechanical properties of an implant? It must be noted

that a model is only as accurate as the data used to build it; all assumptions and

simplifications will be amplified in the simulation [21]. Nevertheless, computational

modelling can provide key insight in the arena of (coronary) artery graft design.

FEA is used by engineers to approximate the displacements, stresses and strains

of a solid body under a defined set of loads and boundary conditions. It is worth

noting that FEA is not limited to solid mechanics problems; computational fluid
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dynamics is routinely used to investigate fluid flow, and the relationship between a

deformable body and its adjacent flow can be coupled using fluid–structure inter-

action models. Both are widely used to model coronary artery biomechanics, but

the theory behind them goes beyond the scope of this thesis. This section aims to

concisely describe the workflow of the FE method and is informed by comprehensive

texts dedicated to FEA [276, 277].

The FE method can be separated into three steps: (1) pre-processing, where the

model is created according to its mesh and modelling assumptions; (2) processing,

where the stiffness matrices are assembled and solved; and (3) post-processing, where

the computed outputs are displayed graphically [276]. There are five main modelling

assumptions to consider during the pre-processing step:

• Geometry: the continuous domain(s) of the object(s) under investigation;

• Mesh: the discretised domain(s) of the object(s) under investigation. FE

meshes are comprised of a finite number of simple elements connected by

nodes;

• Material properties: the constitutive laws governing the material behaviour of

each object under investigation;

• Load: the type, magnitude, direction, distribution and time-dependency of the

imposed force(s) on the system;

• Boundary conditions: the constraints required for solving the boundary value

problem.

The internal distribution of stress and strain in a specified problem domain (eg

the artery wall) can be represented mathematically as a boundary value problem,
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or a system of partial differential equations. Where the geometry describes the

continuous problem domain, the mesh discretises the domain using a finite number

of simple, geometrically well-defined elements (Figure 2.14). Meshing is fundamental

in FEA as it allows complex geometries – for which the governing equations cannot

be solved – to be broken down into simpler 2D or 3D shapes with mathematically-

defined volumes [278]. The displacement of each element is solved using interpolation

shape functions. The global displacement field is then calculated by summing the

contributions of each element; in this way, displacements and stresses at the element

level can be combined to find the displacements and stresses of the complete object.

2.7.4.1 Finite Element Analysis of Small Diameter Artery Grafts

In the context of cardiovascular research, FEA is most commonly used to assess

artery wall mechanics and to probe the underlying mechanisms of atherosclerotic

plaque rupture [18, 279]. It is also used to assess vascular injury [22] and inform

stent design [19–22] for PCI.

The concept of applying FEA to the analysis of compliance and stress distri-

bution of synthetic grafts dates back to the 1990s [280]. In a linear elastic isotropic

artery model, Chandran et al. demonstrated the presence of a hypercompliant zone

on the arterial side of Dacron and PTFE grafts [280]. The authors highlighted the

importance of studying the effects of compliance mismatch using FEA as a means to

"suggest ways to improve the design of small diameter vascular grafts" [280]. Data

from Castillo-Cruz et al. [156] and Byrne et al. [23] have since provided further jus-

tification for the use of FEA as a design tool in the manufacture of vascular grafts,

with both using FEA to predict the compliance of grafts using synthetic grafts. Yet,

FEA remains an underused resource in the assessment of novel VMMs and their
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graft designs.

2.8 Research Hypothesis

The preceding sections of this Chapter have reviewed the key background pertaining

to this thesis and are summarised as follows:

• The heterogeneous nature of the artery wall imparts complex biomechanical

behaviours such as hyperelasticity and viscoelasticity; these behaviours are

linked to EC behaviour through mechanotransduction and are subsequently

key determinants of healthy and pathologic EC function;

• Synthetic VMMs are needed for CABG, a surgical procedure whereby stenotic

regions of atherosclerotic arteries are replaced with grafts to restore blood flow;

• A single-layer vascular graft cannot sufficiently fulfil all of the mechanical and

haemocompatible design requirements outlined in Section 2.6.1; multi-layered

grafts could overcome the mechanical simplicity of homogeneous VMMs by

mimicking the structure–function relationship of the intima, media and

adventitia;

• PVA/gelatin cryogels are prospective VMMs for the manufacture of

multi-layered grafts due to the ability to ’tune’ the mechanical properties of

PVA through variation of manufacturing parameters and the biointegrative

properties of gelatin;

• Of the manufacturing methods suited to manufacturing heterogeneous

coronary artery grafts, the sub-zero AM of PVA cryogel has demonstrated
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potential for soft tissue engineering, yet it has not been explicitly applied to

the manufacture of PVA cryogel-based coronary artery grafts;

• Despite the success of FEA in the design and validation of orthopaedic

implants, similar design studies are needed to fully explore the potential of

sub-zero AM to fabricate biomimetic vascular grafts.

Therefore, the hypothesis of this thesis is that PVA/gelatin cryogel can be used

as a VMM to create heterogeneous biomimetic coronary artery grafts that replicate

the mechanical properties of the three artery wall layers. To the author’s knowledge,

no studies thus far have investigated the biomechanics of multilayered PVA/gelatin

constructs for any blood vessel replacement applications. While this thesis has

not explicitly investigated the manufacture of multi-layered PVA/gelatin grafts, the

synergy between the design optimisation capabilities of FEA and the rich geometric

design space afforded by manufacturing techniques such as sub-zero AM calls for

FE models that can inform the future design of multi-layered PVA/gelatin cryogel

grafts.

Furthermore, it is hypothesised that the layer-specific mechanical properties of

PVA/gelatin grafts can be optimised using FEA to induce healthy EC behaviours

under physiological loading. While the endothelialisation and elastic properties of

homogeneous PVA/gelatin cryogel have been explored separately prior to this thesis,

the role that PVA/gelatin biomechanics play in modulating EC function is unknown,

and few studies have used FEA to probe this relationship for any VMM. Despite

the well-documented impact that artery wall biomechanics has on EC mechanotrans-

duction in coronary arteries, the relationship between VMM biomechanics and EC

mechanotransduction is seldom explored in cardiovascular tissue engineering; FEA

has the potential to highlight graft stress distributions relevant to EC function.
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Chapter Three

MECHANICAL

CHARACTERISATION OF

PVA/GELATIN CRYOGELS

3.1 Introduction

For decades, cardiovascular tissue engineers have cited mechanical mismatch as a key

determinant for premature graft failure [8, 151, 153, 281, 282]. On the one hand,

a synthetic graft must possess sufficient strength to maintain structural integrity

and avoid bulging and rupture [282]. On the other hand, rigid non-compliant grafts

reduce elastic recoil and introduce excessive mechanical stresses at the graft-to-artery

anastomoses [283]. Compliance mismatch induces turbulent flow and reduces the

mean haemodynamic WSS exerted on ECs, promoting vascular injury and initiating

neointimal hyperplasia [8, 283].

Mechanical mismatch is particularly problematic in small calibre vessels such

as the coronary artery. Dacron and ePTFE, the gold-standard VMMs used in large
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calibre reconstructions, demonstrate poor long-term patency when used in vessels

<6 mm [284]. ePTFE grafts used for CABG, for example, offer a 2-year patency

rate of 32% – >60% lower than autologous SV grafts [152]. Compliance correlates

linearly with patency rate [8], and both Dacron and ePTFE are considerably less

compliant than human coronary arteries under physiological pressure [285]. Thus,

to reduce the likelihood of graft failure, synthetic grafts should be designed with

compliance characteristics matching those of the coronary artery.

The mechanical properties of VMM(s) influence graft compliance. Synthetic

grafts should possess anisotropic, hyperelastic and viscoelastic behaviour akin

to the artery wall. Numerous studies have characterised the elastic [286, 287],

hyperelastic [195, 288–293] and viscoelastic [102, 294] behaviour of coronary

arteries using mechanical testing. Understanding the elastic and viscous proper-

ties of the artery wall under dynamic loading is of great value for the development

of clinical treatments for CAD, including the design of stents and implants [102,

103, 288]. The mechanical properties of coronary arteries are also layer-specific; in

arteries with non-atherosclerotic intimal thickening, the intima is the stiffest of the

three tissue layers, while the adventitia demonstrates the highest ultimate tensile

stress [288]. Material scientists must endeavour to engineer synthetic VMMs with

locally and globally variable properties mirroring the mechanical heterogeneity of

the artery wall [9]. Specifically, in order to harbour a confluent, anti-thrombogenic

endothelium and remain patent, a synthetic graft should:

• Demonstrate comparable hyperelasticity, viscoelasticity and compliance;

• Withstand dynamic loading at physiologically relevant frequencies.

PVA cryogels are promising VMMs thanks to their biocompatibility and ease

of manufacture [11]. Their high-water content and biphasic nature imparts vis-

65



3 | MECHANICAL CHARACTERISATION OF PVA/GELATIN CRYOGELS

coelastic properties compositionally similar to soft tissue. Moreover, unlike other

highly hydrated gels, PVA cryogels exhibit hyperelastic exhibit stress–strain re-

sponses analogous to arterial tissue that can be easily manipulated through both

formulation and cryogelation parameters. [295]. The extent of linear elasticity [13,

180, 183, 186, 196], hyperelasticity [195] and viscoelasticity [103, 186, 192, 200] of

pure PVA cryogel can be tuned by varying the number and duration of FT cycles,

polymer concentration, and use of polymer coagulation ("salting out") treatments

(Table 3.1). In the context of cardiovascular tissue engineering, it has been shown

that the number and duration of FT cycles can be optimised to yield stress–strain

and stress–relaxation curves comparable to porcine aortic root [180], and porcine

RCA and LCA [195]. The quantification of these constitutive parameters also allows

researchers to validate different graft designs, and to assess their performance under

physiological loads, using FEA. This has been demonstrated for PVA-based aortic

valve prostheses [178].

While PVA displays desirable mechanical properties, it lacks the cell adhesion

proteins needed to induce EC adhesion and proliferation [10]. Endothelialisation of

the PVA graft surface, be it in vitro or in situ, is essential for long-term graft patency

[151, 204, 281]. Loss or absence of a confluent endothelium may lead to thromboge-

nesis, pathological inflammation and neointimal hyperplasia [296]. The bioactivity

of PVA can be improved by introducing gelatin, a natural polymer containing the

integrin-mediating RGD peptide sequence [12, 13, 207]. PVA/gelatin is a low-cost,

easy to manufacture VMM that has demonstrated superior EC proliferation rates

compared with other PVA blends such as PVA/chitosan and PVA/starch [13, 295].

Of the three, PVA/gelatin has been identified as the best at simultaneously meeting

the mechanical and biological requirements of a VMM [295].
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However, compared with pure PVA cryogel, the mechanical characterisation of

PVA/gelatin cryogel is considerably more limited (Table 3.2). Most studies have

focused on characterising the linear elastic properties of PVA/gelatin as a function

of processing parameters [13, 199, 297, 298]. The impact of cryogelation on the

hyperelastic and dynamic viscoelastic response of these cryogels has not yet been

explored. Not only would these measurements provide insight into the fundamental

mechanics of PVA/gelatin cryogels, but such measurements would facilitate the

development of PVA/gelatin-based FE models with increasing material complexity.

In doing so, these results could be used to complement the clinical translation of

PVA/gelatin cryogel as a viable VMM.

3.1.1 Aims and Objectives

This chapter aims to address current gaps in the literature surrounding the

mechanical characterisation of PVA and PVA/gelatin cryogels. There is a need

for constitutive parameters that can be used as material parameters in compu-

tational models, including the FE models developed in Chapters 4 and 5 of this

thesis. The impact of cryogel composition and post-cryogelation treatment on

linear elastic, dynamic viscoelastic and hyperelastic parameters was evaluated using

the following objectives:

• Calculate and compare the elastic moduli of PVA and PVA/gelatin cryogels

as a function of Mw PVA and polymer coagulation treatment;

• Determine the dynamic viscoelastic behaviour, specifically the storage and loss

moduli, of PVA/gelatin cryogels as a function of Mw PVA, polymer coagulation

and gelatin addition;
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• Using uniaxial compression test data, obtain hyperelastic parameters for

PVA/gelatin cryogels, evaluating the stability and suitability of a range of

phenomenological isotropic hyperelastic models.

3.2 Method

3.2.1 Chemicals and Materials

Table 3.3: PVA/gelatin cryogel compositions. PxGy signifies the w/w ratio of
PVA:gelatin, A/B denotes the Mw of PVA (A = 146–186 kDa, B = 89–98 kDa)
and C/NC signifies whether coagulation treatment (C) or no coagulation treatment
(NC) was employed during cryogel manufacture.

COMPOSITION Mw PVA (kDa) COAGULATION TREATMENT?

P10G0-A-NC 146–186 No

P10G0-A-C 146–186 Yes

P9G1-A-NC 146–186 No

P9G1-A-C 146–186 Yes

P10G0-B-NC 89–98 No

P10G0-B-C 89–98 Yes

P9G1-B-NC 89–98 No

P9G1-B-C 89–98 Yes

PVA (89–98 kDa and 146–186 kDa), gelatin (Type B from bovine skin) and

sodium sulphate (Na2SO4) were acquired from Merck Life Science (Dorset, UK).

Potassium hydroxide (KOH, 85%) was acquired from Alfa Aesar (Lancashire, UK).

Deionised water from a Purite Millipore tank (<18 MΩ, Milli-Q) was used for all

experiments unless otherwise stated.
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3.2.2 Preparation of PVA/Gelatin Cryogels

10 wt% PVA/gelatin cryogels were prepared according to the compositions outlined

in Table 3.3. The following nomenclature is used: PxGy denotes a w/w ratio of

PVA:gelatin of x:y; A/B denotes the Mw of PVA (A = 146–186 kDa, B = 89–98

kDa); and C/NC denotes coagulation (C) versus no coagulation (NC) treatment.

For example, P9G1-A-C represents a 10 wt% cryogel with a PVA:gelatin ratio of 9:1,

comprised of 146–186 kDa PVA, that has been put through coagulation treatment.

PVA solutions were prepared by autoclaving PVA in Milli-Q for 1 h at 121 ◦C.

Meanwhile, gelatin was dissolved in water at 50 ◦C under magnetic stirring for 1 h.

Composite PVA/gelatin solutions were obtained by combining 18 wt% PVA and 2

wt% gelatin in a 1:1 ratio. To prevent aggregation of the polymer chains, the final

solution was mixed at 50 ◦C for 1 h followed by 1 h at room temperature (22.5 ± 1
◦C). The solution was then poured into 20 × 10 mm cylindrical molds and subjected

to 3 FT cycles at −20 ◦C and room temperature, respectively.

Once formed, half of the cryogels were immersed in a non-solvent (1 M KOH/

1 M Na2SO4, coagulation treatment) for 1 h to promote further crosslinking of

PVA. Coagulation treatment has been shown to influence the mechanical properties

of both PVA and PVA/gelatin cryogel [13, 198, 199]. By exchanging bulk water with

the non-solvent, amorphous PVA is precipitated out and the polymer microstructure

is reinforced. Na2SO4 further aids PVA precipitation by decreasing the solubility of

the polymer, a phenomenon known as the Hofmeister effect [198, 299]. All cryogels

were stored in Milli-Q for 3–4 days before mechanical testing to ensure equilibrium

swelling was reached [13].
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3.2.3 Density Measurements

In preparation for the FEA of PVA/gelatin grafts in Chapters 4 and 5, the density

(ρ) of each PVA/gelatin composition was measured by relating the volume, V , of

each cylindrical sample to its mass, m (Equation 3.1). Each sample was dried of

surface water before its mass was recorded using a mass balance.

ρ =
m

V
=

4m

πd2L
(3.1)

3.2.4 Ramp Testing

Unconfined uniaxial compression tests were performed in air and at room tempera-

ture using a Bose Electroforce 3200 testing machine running WinTest software (Bose

Corporation, ElectroForce Systems Group, Minnesota, USA; now TA instruments,

Delaware USA) equipped with a 220 N load cell. For determination of Young’s

moduli (E), samples were compressed to low (20%) strain at a strain rate of 0.1

mm s-1; for determination of hyperelastic parameters, samples were compressed

to high (50%) strain using the same strain rate. To account for stress softening

of the polymer chains [300], all samples were subjected to preconditioning cycles

to improve test reproducibility. The force–displacement data were converted to

engineering stress (σe) and engineering strain (ϵe) using Equations 3.2 and 3.3, where

a is the cross-sectional area of the cryogel (measured using a Vernier calliper), L0 is

the initial height of the sample and ∆L is the change in length. E was calculated

as the ratio of stress to strain (Equation 3.4).

σe =
F

a
(3.2)

ϵe =
∆L

L0

(3.3)
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E =
σe

ϵe
(3.4)

In this thesis, all compressive stresses and strains are presented as their absolute

values.

3.2.5 Dynamic Mechanical Analysis

DMA was performed using the same testing machine described in Section 3.2.4. A

sinusoidal displacement loading protocol was run over a frequency sweep of 0.5–10

Hz to reflect the frequency range experienced by the coronary arteries of the left

ventricle (<1 Hz = bradycardia; 1–3 Hz = exercise, >4 Hz = tachycardia [102,

301, 302]). A fast Fourier transform was implemented in WinTest to analyse the

measured force and displacement waves. The dynamic stiffness (k∗) was calculated

by dividing the peak load magnitude, F ∗, by the peak displacement magnitude, d∗

(Equation 3.5). Using the phase lag (δ) between the force and displacement waves,

the storage and loss stiffnesses (k′ and k′′) were calculated from k∗ (Equations 3.6 and

3.7). By relating k′ and k′′ to the shape factor of the cylindrical samples (Equation

3.8), the storage (E ′) and loss (E ′′) moduli were then determined (Equations 3.9

and 3.10).

k∗ =
F ∗

d∗
(3.5)

k′ = k∗cos(δ) (3.6)

k′′ = k∗sin(δ) (3.7)

S =
πD2

4L
(3.8)

E ′ =
k′

S
(3.9)

E ′′ =
k′′

S
(3.10)
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Samples were compressed between 15–20% of their initial height using a

dynamic amplitude of ±0.025L0. Like many biological soft tissues, the stress–strain

curve of PVA is "J"-shaped when compressed to high strain (hyperelasticity will

be further outlined in Section 3.3.3). This strain range covers the linear region

before the transition point, and corresponds to the method used to characterise the

dynamic viscoelasticity of the LAD coronary artery [102] and pure PVA cryogel

[103]. A 60 s preconditioning cycle of 10 Hz was used to counteract the effects of

stress relaxation [103].

3.2.6 Curve Fitting of Hyperelastic Strain Energy Density

Functions

The hyperelastic curve fitting procedure is outlined in Figure 3.1. The large strain

ramp test data were fitted to a number of phenomenological isotropic hyperelas-

tic constitutive models in Abaqus/CAE 2021 (Dassault Systèmes, SIMULIA Corp.,

Johnston, RI, USA) using a non-linear regression routine. These models use strain

energy density functions, U , to relate the amount of energy needed to deform a

unit volume of a material to the imposed strain at that volume. For more detail

on strain energy density functions, the reader is directed to Section 2.4.4. In this

thesis, variations of the incompressible polynomial (Equation 3.11), reduced poly-

nomial (Equation 3.12) and Ogden (Equation 3.13) strain energy functions were

investigated:

U (polynomial) =
N∑

i+j=1

Cij(Ī1 − 3)i(Ī2 − 3)j (3.11)

U (reduced polynomial) =
N∑
i=1

Ci0(Ī1 − 3)i (3.12)
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U (Ogden) =
N∑
i=1

2µi

α2
i

(λ̄α
1 + λ̄α

2 + λ̄α
3 − 3) (3.13)

Specific forms of each model are obtained for specific choices of Cij: the Mooney-

Rivlin form follows the first order polynomial model; removing the second deviatoric

strain invariant gives the first order reduced polynomial (neo-Hookean) model; and

increasing the order of the neo-Hookean model from 1 to 3 yields the Yeoh model.

The parameters of each model were fitted to the test data using a least squares

optimisation procedure. Owing to the resolution of the load cell used to collect

stress–strain curves, the test data contained inherent noise. As noise reduced the

quality of the curve fitting process, the data were smoothed such that the stress

varied smoothly with strain. This was achieved by sampling stress–strain pairs in

intervals of 40 between 0 and 25% strain. An interval of 20 was used between 25

and 50% strain to better capture the upturn of the stress–strain graphs. The order

of the hyperelastic models was varied up to N=6; the stability of each model was

then assessed using the Drucker stability criterion, which states that stress must

continuously increase for increasing strain (and vice versa) [303, 304]. Unstable

models were discounted from further analyses. The correlation between the test

data and each stable hyperelastic model, or "goodness of fit", was established using

Pearson’s correlation coefficient, r2:

r2 = (

∑N
i=1(σi,exp − σexp)(σi,model − σmodel)√∑N

i=1(σi,exp − σexp)2
∑N

i=1(σi,model − σmodel)2
)2 (3.14)

where, for N stress–strain pairs, σi,exp is the experimental stress and σi,model is

the stress derived from the stress–strain relation of each strain energy function.

Derivation of these stress–strain relations is described in detail elsewhere [305]. The

hyperelastic parameters for each cryogel composition were averaged to provide single

material constants for FEA (see Section 3.2.7).
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To allow direct comparison of hyperelastic parameters from different

hyperelastic models, a common parameter that could be derived from all consti-

tutive models was needed. The initial shear modulus, µ0, of polynomial, reduced

polynomial and Ogden models were calculated using Equations 3.15–3.17.

µ0 (polynomial) = 2(C10 + C01) (3.15)

µ0 (reduced polynomial) = 2C10 (3.16)

µ0 (Ogden) =
1

2

N∑
i=1

µiαi (3.17)

A displacement-driven uniaxial compression FE model matching the experimen-

tal setup was simulated using a quasi-static implicit analysis in Abaqus/CAE 2021

and the averaged constants. The dimensions of the platens matched their experi-

mental counterparts (31.5 mm × 10 mm). The mean height and diameter of each

PVA/gelatin cryogel composition were used to inform the geometry of the cryogel in

each respective simulation (P9G1-A-C: 17.5 mm × 8.7 mm; P9G1-A-NC: 18.0 mm

× 8.8 mm; P9G1-B-C: 18.1 mm × 9.0 mm; P9G1-B-NC: 18.0 mm × 8.4 mm). The

cryogel was discretised using solid linear hexahedral (C3D8RH) elements.

Hybrid (H) elements were used to prevent volumetric locking, while reduced

integration (R) elements were chosen to account for geometric nonlinearity. The

platens were assumed to be rigid and were meshed using discrete rigid (R3D4)

elements. The resulting mesh contained a total of 21,666 cryogel elements with an

approximate edge length of 0.5 mm, and 6156 platen elements with an approxi-

mate edge length of 1 mm. The contact surfaces between cryogel and platen were

modelled using surface-to-surface interactions with hard penalty contact constraints

and a friction coefficient of 0.04, matching the average friction coefficient of PVA

cryogel against titanium alloy [306]. The resulting stress–strain responses were then

compared with the individual test data (Figure 3.1).
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Figure 3.1: Flow chart outlining the hyperelastic curve fitting procedure and
Abaqus uniaxial compression model used to validate hyperelastic coefficients.

3.2.7 Data Analysis

A total of eight samples were tested per cryogel composition. The effects of Mw and

coagulation treatment on E, E ′, E ′′ and Cij of PVA/gelatin cryogels were analysed

in SigmaPlot 14.5 (Systat Software Inc, San Jose, CA, United States) using one-way

ANOVA.

All hyperelastic constitutive parameters are presented as mean ± SD. Although

single sets of optimal Ogden constitutive parameters were obtained for three of the

compositions, two sets were obtained for P9G1-B-C: for one set, α1 > 0, and for the

other, α1 < 0. Both sets are equally valid combinations of coefficients and yielded

similar r2 values (Table A.1). To allow averaging of the Ogden coefficients, samples

where α1 < 0 were excluded from the dataset. The sample size was subsequently

reduced to n=6 for all PVA/gelatin compositions and for the calculation of mean ±

SD of all other stable constitutive models.
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3.3 Results

3.3.1 Linear Elastic Response of PVA/Gelatin Cryogel
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Figure 3.2: Engineering stress–strain curves for pure PVA cryogels compressed to
20% strain. The strain region used to calculate E is shaded in blue.

Figures 3.2 and 3.3 show the effect of Mw PVA and coagulation on the

stress-strain responses of pure PVA (Figure 3.2) and PVA/gelatin (Figure 3.3)

cryogels between 0–20% compressive strain, respectively. For all cryogel
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Figure 3.3: Engineering stress–strain curves for PVA/gelatin cryogels compressed
to 20% strain. The strain region used to calculate E is shaded in blue.

compositions, E was calculated between 15–20% strain to match the dynamic

amplitudes used for dynamic viscoelastic characterisation (Section 3.3.2). In all

cases, the stress–strain responses were linear within this strain range; E values are

reported in Table 3.4.

E ranged between 135.7 ± 15.5 kPa (P10G0-B-NC) and 334.4 ± 43.2 kPa

(P9G1-A-C). E increased with increasing Mw PVA (P < 0.001) and use of

coagulation treatment (P < 0.001). However, while EP9G1−A−NC increased
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relative to EP10G0−A−NC (P = 0.036), no significant difference in stiffness was found

upon addition of gelatin to P10G0-A-C, P10G0-B-NC or P10G0-B-C (P > 0.05, Figure

3.4).

Table 3.4: E (mean ± SD) between 15–20% strain for all cryogel compositions.

COMPOSITION E (kPa)

P10G0-A-NC 205.8 ± 18.8

P10G0-A-C 307.5 ± 20.6

P10G0-B-NC 135.7 ± 15.5

P10G1-B-C 227.0 ± 16.2

P9G1-A-NC 246.7 ± 36.5

P9G1-A-C 334.4 ± 43.2

P9G1-B-NC 144.4 ± 14.7

P9G1-B-C 209.3 ± 22.6

PxGy-A-NC PxGy-A-C PxGy-B-NC PxGy-B-C
0

100

200

300

400

E 
(k

Pa
)

*

P10G0 P9G1

Figure 3.4: Variation in E as a function of gelatin addition. *P = 0.036

80



3 | MECHANICAL CHARACTERISATION OF PVA/GELATIN CRYOGELS

3.3.2 Dynamic Mechanical Analysis of PVA/Gelatin Cryogel
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Figure 3.5: Effect of Mw PVA and cryogel coagulation on the E ′ of (A) pure PVA
and (B) PVA/gelatin cryogels. Error bars show 95% confidence intervals (CIs).
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Figure 3.6: Effect of Mw PVA and cryogel coagulation on the E ′′ of (A) pure PVA
and (B) PVA/gelatin cryogels. Error bars show confidence intervals (CIs).
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Figure 3.7: tanδ of (A) pure PVA and (B) PVA/gelatin cryogels. Error bars
show confidence intervals (CIs).
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For both Mw PVA used, irrespective of gelatin addition and coagulation treat-

ment, E ′ were approximately an order of magnitude higher than E ′′ across all w/w

ratios and frequencies tested (Figures 3.5 and 3.6). For instance, at a test frequency

of 0.5 Hz, E ′
P10G0−A−NC = 272.4 ± 24.9 kPa and E ′′

P10G0−A−NC = 29.8 ± 3.6 kPa

(Figures 3.5A and 3.6A). At the same test frequency:

• E ′
P10G0−B−NC = 167.4 ± 20.0 kPa and E ′′

P10G0−B−NC = 20.2 ± 2.9 kPa (lower

Mw; Figures 3.5A and 3.6A)

• E ′
P10G0−A−C = 378.3 ± 28.1 kPa and E ′′

P10G0−A−C = 48.8 ± 7.2 kPa (use of

coagulation treatment; Figures 3.5A and 3.6A)

• E ′
P9G1−A−NC = 313.2 ± 39.7 kPa and E ′′

P9G1−A−NC = 26.6 ± 4.1 kPa (addition

of gelatin; Figures 3.5B and 3.6B)

By considering the ratio of E ′′:E ′, or tanδ, the damping behaviour of each cryogel

was further quantified (Figure 3.7). For all PVA/gelatin cryogel compositions tested,

tanδ ≪ 1.

Numerically, E ′ increased with increasing frequency for all compositions (Table

3.5). However, the increase in E ′ between 0.5 and 10 Hz – the minimum and

maximum frequencies tested – for all compositions was not statistically significant

(P > 0.05). Thus, E ′ was found to be frequency-independent at the frequency range

tested.

The frequency dependency of E ′′ could not be consistently determined for all

cryogel compositions (Table 3.6). For pure PVA cryogels, no statistical difference

was found in E ′′ between 0.5 and 10 Hz (P > 0.05). E ′′ was numerically lower at

10 Hz compared with 0.5 Hz for P10G0-A-C and P10G0-A-NC; yet, for pure PVA

cryogels comprising lower Mw PVA, E ′′ was larger at 10 Hz. For all PVA/gelatin
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compositions, E ′′ was larger at 10 Hz than at 0.5 Hz, and for all compositions except

P9G1-B-C, this increase was statistically significant (P < 0.05).

The E ′ of pure PVA cryogel increased with increasing Mw PVA (Figure 3.5A).

This trend was observed for all test frequencies: E ′
P10G0−A−NC (Mw PVA =

146–186 kDa) was, on average, 61.7% higher than E ′
P10G0−B−NC (Mw PVA = 89–98

kDa, Table A.4) at any given frequency. Coagulation treatment yielded a similar

incremental effect: E ′
P10G0−B−C increased an average 59.9% relative to E ′

P10G0−B−NC

across the frequency range (Table A.4). Analogous trends were observed for

PVA/gelatin cryogel (Figure 3.5B). E ′
P9G1−A−NC was, on average, 69.1% higher than

E ′
P9G1−B−NC and E ′

P9G1−B−C was, on average, 40.2% higher than E ′
P9G1−B−NC (Table

A.5).

Table 3.5: E ′ (mean ± SD) for all PVA(/gelatin) compositions at 0.5 Hz and 10
Hz. P -values represent the statistical significance between the minimum (0.5 Hz)
and maximum (10 Hz) frequencies for each composition. For full frequency data,
the reader is referred to Table A.2.

E′ (kPa)

P10G0-A-C P10G0-A-NC P10G0-B-C P10G0-B-NC

0.5 Hz 378.3 ± 28.1 272.4 ± 24.9 271.2 ± 18.4 167.4 ± 20.0

10 Hz 401.4 ± 29.7 288.9 ± 25.7 286.0 ± 20.5 179.8 ± 20.9

P-value 0.130 0.234 0.151 0.161

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

0.5 Hz 424.0 ± 46.3 313.2 ± 39.7 259.5 ± 26.0 182.9 ± 20.0

10 Hz 444.4 ± 48.3 330.9 ± 40.2 274.6 ± 27.2 197.5 ± 20.6

P-value 0.402 0.207 0.275 0.203
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Table 3.6: E ′′ (mean ± SD) for all PVA(/gelatin) compositions at 0.5 Hz and 10
Hz. P -values represent the statistical significance between the minimum (0.5 Hz)
and maximum (10 Hz) frequencies for each composition. For full frequency data,
the reader is referred to Table A.3.

E′′ (kPa)

P10G0-A-C P10G0-A-NC P10G0-B-C P10G0-B-NC

0.5 Hz 48.8 ± 7.2 29.8 ± 3.6 31.9 ± 6.3 20.2 ± 2.9

10 Hz 42.4 ± 5.3 28.5 ± 4.8 33.7 ± 5.6 21.7 ± 2.6

P-value 0.063 0.559 0.561 0.291

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

0.5 Hz 34.0 ± 5.0 26.6 ± 4.1 31.0 ± 4.6 24.8 ± 2.8

10 Hz 39.5 ± 4.6 34.9 ± 4.3 38.9 ± 6.1 29.0 ± 3.7

P-value 0.038 0.002 0.275 0.033

The E ′′ of pure PVA cryogel also increased at all test frequencies with increasing

Mw PVA and use of coagulation treatment (Figure 3.6A). E ′′
P10G0−A−NC , for instance,

increased an average 36.6% relative to E ′′
P10G0−B−NC , and E ′′

P10G0−B−C increased an

average 54.7% relative to E ′′
P10G0−B−NC (Table A.6). These trends were observed for

PVA/gelatin cryogels on a smaller, and in some cases non-significant, magnitude:

E ′′
P9G1−A−NC increased an average 15.0% relative to E ′′

P9G1−B−NC , and E ′′
P9G1−A−C

increased an average 1.5% relative to E ′′
P10G0−B−C (Table A.7).

The addition of gelatin induced a statistically significant (albeit minor) increase

in E ′ for higher Mw cryogels both with and without use of coagulation treatment,

but not for lower Mw cryogels (Table 3.7).

86



3 | MECHANICAL CHARACTERISATION OF PVA/GELATIN CRYOGELS

Table 3.7: Comparison of E ′ (mean ± SD) upon addition of gelatin to all PVA
cryogel compositions at 0.5 Hz and 10 Hz. P -values represent the statistical signif-
icance between the minimum (0.5 Hz) and maximum (10 Hz) frequencies for each
composition.

E′ (kPa)

0.5 Hz 10 Hz

P10G0-A-C 378.3 ± 28.1 401.4 ± 29.7

P9G1-A-C 424.0 ± 46.3 444.0 ± 48.3

P-value 0.042 0.050

0.5 Hz 10 Hz

P10G0-A-NC 272.4 ± 24.9 288.9 ± 25.7

P9G1-A-NC 313.2 ± 39.7 330.9 ± 40.2

P-value 0.027 0.026

0.5 Hz 10 Hz

P10G0-B-C 271.2 ± 18.4 286.0 ± 20.5

P9G1-B-C 259.5 ± 26.0 274.6 ± 27.2

P-value 0.317 0.363

0.5 Hz 10 Hz

P10G0-B-NC 167.4 ± 20.0 179.8 ± 20.9

P9G1-B-NC 182.9 ± 20.0 197.5 ± 20.6

P-value 0.160 0.123
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3.3.3 Hyperelastic Constitutive Modelling of PVA/Gelatin

Table 3.8: Stability of hyperelastic models during curve fitting. Coefficients fulfill-
ing Drucker’s stability criteron were deemed stable (’yes’), while those which failed
were deemed unstable (’no’).

HYPERELASTIC MODEL STABLE?

Reduced polynomial (N=1, neo-Hookean) Yes
Reduced polynomial (N=2) Yes

Reduced polynomial (N=3, Yeoh) Yes
Reduced polynomial (N=4) No
Reduced polynomial (N=5) Yes
Reduced polynomial (N=6) No

Polynomial (N=1, Mooney-Rivlin) No
Ogden (N=1) Yes
Ogden (N=2) No
Ogden (N=3) No

Hyperelastic data were collected for PVA/gelatin cryogels. When compressed to

large (50%) compressive strains, each PVA/gelatin composition exhibited a charac-

teristic "J"-shaped hyperelastic stress–strain response to loading. The stress–strain

curves for individual samples are included in Figure A.1.

The Mooney-Rivlin model demonstrated limited success; while the model

provided a stable fit for some samples, it yielded instabilities in others at the strain

range tested (Drucker stability required the incremental strain to increase with

incremental stress [304]). The neo-Hookean model, on the other hand, was uncondi-

tionally stable, as were the first order Ogden and second, third (Yeoh) and fifth order

reduced polynomial models (Table 3.8 and Figure 3.8). The correlations between

each stable model and the test data were close to unity (1 < r2 > 0.9, Table A.8).

Nevertheless, the neo-Hookean model underestimated stress at large strains, yielding
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Figure 3.8: Representative curve fit of stable hyperelastic models to uniaxial
compression data, taken from an individual P9G1-A-C sample. Compressive stress
and strain are shown as absolute values.

the weakest correlation for all PVA/gelatin compositions (r2 ≈ 0.93). The

approximation of stress at higher strains was improved by increasing the number

of terms in the reduced polynomial model, as evidenced by increasing r2 values;

however, similar r2 values were observed between the Yeoh and fifth order reduced

polynomial models (r2 > 0.99). Meanwhile, a single-term Ogden model was sufficient

to capture the strain-stiffening behaviour of PVA/gelatin cryogel (r2 > 0.99). The

average Ogden and Yeoh constitutive parameters were taken forward for validation

in Section 3.3.4 and are presented in Table 3.9.

Statistical analysis of the reduced polynomial parameter C10, interpreted as
1
2
µ0, revealed a significant increase in stiffness as a function of Mw PVA for the

Yeoh model (P < 0.05), but not as a result of coagulation treatment (P > 0.05,
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Table 3.9: First order Ogden and Yeoh constitutive parameters fitted to PVA/ge-
latin compression data and densities of all PVA/gelatin cryogel compositions (mean
± SD).

FIRST ORDER OGDEN CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

µ1 (MPa) 0.0444 ± 0.0060 0.0374 ± 0.0042 0.0276 ± 0.0010 0.0227 ± 0.0025

α1 7.116 ± 0.528 6.553 ± 0.276 7.765 ± 0.493 7.311 ± 0.581

µ0 (MPa) 0.157 ± 0.016 0.122 ± 0.012 0.107 ± 0.009 0.083 ± 0.011

r2 0.9994 ± 0.0004 0.9988 ± 0.0008 0.9994 ± 0.0003 0.9988 ± 0.0008

YEOH CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0205 ± 0.0035 0.0180 ± 0.0024 0.0126 ± 0.0006 0.0108 ± 0.0014

C20 (MPa) 0.0015 ± 0.0028 −0.0015 ± 0.0019 0.0015 ± 0.0014 −0.0007 ± 0.0007

C30 (MPa) 0.0042 ± 0.0017 0.0044 ± 0.012 0.0032 ± 0.0006 0.0033 ± 0.0009

µ0 (MPa) 0.0410 ± 0.0070 0.0360 ± 0.0049 0.0252 ± 0.0012 0.0217 ± 0.0027

r2 0.9994 ± 0.0008 0.9984 ± 0.0009 0.9997 ± 0.0002 0.9985 ± 0.0007

DENSITY

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

ρ (kg m−3) 1080 ± 36 1190 ± 16 1070 ± 37 1120 ± 38

Table 3.10). Conversely, a statistically significant increase in the Ogden parameter

µ1 was observed as a function of Mw PVA or use of coagulation treatment. The same

trend was observed for µ0 (Table 3.10). For all compositions, |α1| > 2. This reflects

the stiffening effect observed at higher strain [307]. However, the only statistically

significant change in α1 when varying the manufacturing parameters was between

P9G1-A-NC and P9G1-B-C (P = 0.02).
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Table 3.10: Correlation matrices showing the effect of Mw PVA and coagulation
treatment on µ0 of PVA/gelatin cryogel. NS = not statistically significant (P >
0.05); * = P ≤ 0.05; ** = P ≤ 0.01; *** = P ≤ 0.001.

FIRST ORDER OGDEN: µ0

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

P9G1-A-C - *** *** ***

P9G1-A-NC *** - * ***

P9G1-B-C *** * - **

P9G1-B-NC *** *** ** -

YEOH: µ0

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

P9G1-A-C - NS *** ***

P9G1-A-NC NS - ** ***

P9G1-B-C *** ** - NS

P9G1-B-NC *** *** NS -

3.3.4 Validation of Yeoh and Ogden Constitutive Parameters

for FE Modelling

The Yeoh and first order Ogden models were taken forward to represent the

hyperelastic behaviour of PVA/gelatin cryogel in all FE models. The mean

stress–strain responses, yielded by the mean values of each model’s constitutive

parameters, were obtained using a displacement-driven uniaxial compression FE

model and compared to the experimental stress–strain responses of individual sam-

ples (Figure 3.9). This method successfully generated master curves reflecting the
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mean mechanical properties of each cryogel composition, with strain-stiffening be-

haviour analogous to the test data.
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Figure 3.9: Simulated compressive stress–strain response using averaged Yeoh
(solid blue line) and first order Ogden (solid orange) parameters of PVA/gelatin
cryogels compared with experimental test data (grey dashed lines). Compressive
stresses and strains are shown as absolute values.
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3.4 Discussion

Thorough characterisation of the mechanical properties of PVA/gelatin cryogels is

needed to explore their potential as VMMs. Moreover, the need to engineer VMMs

with analogous mechanical heterogeneity to the artery wall reflects the need for

a VMM whose mechanical properties can be varied within a desired range through

manipulation of formulation parameters. This chapter evaluated the effect of two key

formulation and process parameters – the Mw of PVA and use of polymer coagulation

treatment – on the linear elastic, dynamic viscoelastic and hyperelastic properties of

PVA/gelatin cryogels. Constitutive parameters have been determined for each and

are summarised in the context of existing literature in Sections 3.4.1–3.4.3.

3.4.1 Linear Elastic Behaviour

Prior studies have characterised the linear elastic behaviour of PVA/gelatin cryo-

gel as a function of the cryogelation process, namely number and duration of FT

cycles [199, 297]. Post-cryogelation treatment (polymer coagulation) has also been

explored as a method to vary the mechanical properties of PVA/gelatin cryogels

through precipitation of amorphous PVA, which increases the amount of crystalline

PVA available for crosslinking [13, 199]. Of the attributes related to the structure

of PVA itself, the impact of Mw on the linear elasticity of PVA/gelatin cryogel is

limited to PVA/gelatin theta-cryogels (where a theta-gel is a hydrogel formed with a

porogen, a chemical designed to make pores, to create rigid macroporous structures

[308]) [298]. While these studies provide insight into the underlying mechanics of

PVA/gelatin cryogel, each assessed the impact of their respective parameter in isola-

tion; a parameter sweep simultaneously assessing the impact of multiple parameters
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on the linear elasticity of PVA/gelatin is lacking from the literature. Section 3.3.1

quantified the impact of Mw and coagulation treatment, both in isolation and in

combination, on the Young’s modulus of pure PVA and PVA/gelatin cryogels.

The range of E values (135.7 ± 15.5 kPa – 334.4 ± 43.2 kPa) obtained in this

study highlights the dependence of compressive mechanical properties on Mw PVA

and coagulation treatment. Increasing the Mw of PVA from 89–98 kDa to 146–

186 kDa increased E, resulting in a stiffer cryogel. This is in agreement with the

compressive data reported for PVA/gelatin theta-cryogels of matching Mw [298].

Increasing the chain length of PVA increases the lamellar thickness of PVA crystal-

lites and allows for a higher degree of physical entanglement [193]. In addition, the

increased viscosity of high Mw PVA further restricts the molecular motion of PVA

chains during the freezing step. While Lozinksy et al. hypothesised that increased

viscosity in the amorphous region lowers the efficiency of intermolecular interactions

[309], Hassan and Peppas demonstrated increased (albeit minor) secondary crystal-

lite formation with increasing Mw PVA [310]. The statistically significant increase

in stiffness between P10G0-B-NC → P10G0-A-NC and P9G1-B-NC → P9G1-A-NC

suggests that, at the two Mw PVA tested, the latter mechanism dominates. Ideally,

this theory should be tested on PVA with a Mw > 146–186 kDa; however, such PVA

is not readily available commercially. Hence, if a greater variation in E is desired

for a given application, alternative polymer characteristics should be targeted in

addition to chain length.

The ability to tailor the mechanical properties of PVA-based cryogels via salt

addition has been documented by several groups [13, 198–200]. Kosmotropic an-

ions, such as the SO4
2- anions used in this study, reinforce the PVA microstructure

through precipitation of amorphous PVA. A recent study by Hua et al. showed that

kosmotropic anions expel the hydration water between amorphous PVA chains to
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yield densified microfibres [198]. The higher the "salting out" power of the anion,

the greater the densification and tensile stress of the cryogel [198]. However, in a

preliminary experiment performed for this study, it was noted that sodium citrate

– the most kosmotropic salt tested by Hua et al. [198] – resulted in considerable

sample shrinkage (data not recorded). As a key goal of this thesis was to investigate

the influence of mesoscale design principles on vascular graft behaviour, this shrink-

age was deemed unacceptable and no further analyses were conducted using sodium

citrate. For both Mw PVA tested in this thesis, immersing PVA and PVA/gelatin

cryogels in 1 M KOH/1 M Na2SO4 increased E. As such, the Mw of PVA and

polymer coagulation can be used in tandem to increase the stiffness of PVA/gelatin

cryogel reported in this thesis.

With the exception of P10G0-A-NC → P9G1-A-NC, no statistically significant

difference in E was observed upon addition of gelatin to the cryogel matrix. It

can therefore be concluded that the compressive properties of PVA/gelatin cryo-

gel are predominantly determined by the PVA matrix and that gelatin does not

disrupt PVA crystallite formation. Charron et al. hypothesised that, as the Mw of

PVA is increased, greater chain entanglement and ionic interactions between PVA

and gelatin may result in a stiffer cryogel [298]. This may explain the statistically

significant increase in E between P10G0-A-NC → P9G1-A-NC, but it is noted that

the increase observed in this study was small, and 1 wt% gelatin addition should

not be viewed as a dominant parameter to vary cryogel stiffness.

It should be stressed that E by itself is insufficient to describe the complex

mechanical behaviour of the artery wall under physiological loading. In the strate-

gic plan proposed by Camasão et al., characterisation of E is deemed suitable for

the initial stages of VMM development as it offers a simple way of assessing the

magnitude of mechanical stiffness relative to the target vessel [311]. However, as-
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suming the magnitudes of E are similar between the two, more complex mechanical

testing methods (DMA, burst pressure and dynamic compliance tests) are needed

thereafter. The range of E values reported for PVA and PVA/gelatin cryogel in

this thesis falls within the lower end of the spectrum of values reported for coronary

arteries, although it is noted that differences in test setup (eg uniaxial versus biaxial

characterisation, extent of prestretch or preload) and tissue source (human versus

animal, specimen age, disease progression, location along arterial branch) will influ-

ence E [290, 291, 293, 302, 311]. For instance, Kural et al. determined the equibiax-

ial moduli of non-calcified human coronary arteries to be between 7.9 and 89.9 kPa

depending on strain region and load direction [290]. On the other hand, research

into the uniaxial tensile behaviour of porcine coronary arteries yielded E values

between 0.76–10 MPa [291, 293]. Stepniak et al. reported the average physiological

E of porcine coronary artery under uniaxial loading to be 0.16 ± 0.04 MPa, which

aligns more closely with the E of PVA and PVA/gelatin cryogel.

3.4.2 Viscoelastic Behaviour

The impact of cryogel composition on the dynamic viscoelastic response of

PVA/gelatin has been investigated using frequency-domain DMA. Previous

studies have explored the quasi-static viscoelastic response of PVA composite

cryogels in terms of stress relaxation [186, 312] and creep [186]. While these studies

offer insight into the long-term time-dependent deformation of PVA cryogel, they

do not provide an understanding of its deformation under dynamic loading condi-

tions. The mechanical behaviour of a VMM should replicate the distension and

recoil behaviour of the host artery with each heartbeat [311]. DMA allows the

quantification of viscoelastic behaviour at physiologically-relevant frequencies such

as the heartbeat – a design consideration that is often overlooked when characteris-

96



3 | MECHANICAL CHARACTERISATION OF PVA/GELATIN CRYOGELS

ing the mechanical properties of VMMs.

Viscoelasticity is characterised by E ′ and E ′′, which describe how energy is

stored and dissipated under loading within a sample, respectively. If the elastic and

viscous contributions during cyclic deformation are equal – that is, if the ratio of

energy lost (E ′′) to energy stored (E ′) are equivalent – tanδ = 1. For all PVA and

PVA/gelatin cryogel compositions tested, tanδ ≪ 1. Hence, more energy was stored

during cyclic deformation than dissipated and the cryogels were predominately elas-

tic in structure.

Research into the poro-viscoelastic properties of PVA has demonstrated that

PVA can be described as a biphasic material [313]. PVA cryogel consists of a porous

polymer network through which fluid can flow. Increasing the Mw of PVA and using

polymer coagulation treatment increased the E ′ of PVA and PVA/gelatin cryogels

across all frequencies. Not only do these data agree with the linear elasticity trends

reported in Section 3.3.1, but they are in agreement with the dynamic viscoelas-

tic parameters reported for PVA cryogels of increasing PVA concentration [103]

and can be attributed to a similar hypothesis. Achieved via two distinct mecha-

nisms, increasing the Mw of PVA and using coagulation treatment (separately or in

tandem) yielded denser network structures with reduced pore size. This increased

the mechanical stiffness of the cryogel. Furthermore, the addition of gelatin may

contribute to further chain entanglement, as evidenced by an increase in E ′ of high

Mw PVA/gelatin cryogels compared with the E ′ of high Mw PVA cryogels of match-

ing coagulation status. However, no statistically significant difference was observed

between the E ′ of low Mw PVA and PVA/gelatin cryogels of matching coagulation

status; this finding further supports the linear elastic stiffness trends discussed in

Section 3.4.1.
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The biphasic model suggests that a reduction in pore size will hinder energy

dissipation as fluid will flow less freely under an applied load. Research has shown

that the creep and stress relaxation responses of PVA decrease with increasing PVA

concentration, supporting this theory [313]. While no significant change in tanδ

was observed as a function of Mw or coagulation treatment for pure PVA cryo-

gel, the tanδ of PVA/gelatin cryogel decreased with increasing Mw. It is thought

that the steric bulk of gelatin, combined with increased PVA chain length, may

lead to a higher degree of chain entanglement [298]. This may restrict fluid flow

throughout the polymer network and reduce viscous damping. While this study has

demonstrated that gelatin concentration affects the damping capacity of PVA/ge-

latin cryogels, this hypothesis would need to be tested on a wider range of gelatin

concentrations to determine an empirical trend.

For all compositions of PVA/gelatin cryogel, E ′ was approximately an order

of magnitude higher than E ′′. These results match the relative magnitudes of E ′

and E ′′ reported for 10–20 wt% PVA cryogel [103]. Physiologically, a similar trend

has been reported for the E ′ and E ′′ of porcine LAD coronary arteries [102, 302].

The magnitudes of E ′ and E ′′ reported in this study (101–102 kPa) were lower than

those reported by Burton et al. (100–101 MPa) [102]. While this indicates that the

compositions of PVA/gelatin tested in this study are less stiff than arterial tissue,

it should be noted that Burton et al. used a large preload (≈ 3.6L0) to overcome

tissue slack due to dissection [102]. This is supported by data from Stepniak et al.,

who reported the mean E ′ of porcine LAD, LCX and RCA to be between 0.012

MPa and 0.030 MPa at a frequency of 1.25 Hz [302]; however, the authors did not

report the preload used to negate tissue slack. Freij et al. determined the mean low

strain modulus (at a tensile stretch <1.53L0) of porcine LAD coronary artery to be

0.67–0.85 MPa [293]. Therefore, it may be appropriate to aim for cryogel stiffness
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on the order of 102 kPa, as achieved in this study.

The E ′ of PVA/gelatin cryogel was frequency-independent between 0.5–10 Hz.

In the absence of dynamic viscoelastic data on human coronary arteries, this finding

must be compared with the viscoelastic properties measured in studies of other

arteries. Mavrilis et al. determined that the E ′ of human IMA and SV grafts were

frequency-independent at low frequencies (<0.5 Hz); however, E ′ peaked between

0.5–1 Hz and decreased between 1–10 Hz [301]. Burton et al. found that the E ′ of

porcine LAD coronary artery decreased between 0–10 Hz and concluded that the

reduction in E ′ corresponds to a diminished capacity for elastic recoil with increasing

heart rate [102]. However, statistical significance was only reported between 0.5 and

10 Hz; the authors did not indicate whether the reduction in E ′ was statistically

significant at physiologically healthy frequencies (eg 0.5–3 Hz, or 30–180 bpm). On

the contrary, Stepniak et al. determined that the E ′ of porcine LAD, LCX and

RCA increased between 0.5 and 3.5 Hz and that no significant difference in E ′/E ′′

was found between the three arterial branches [302]. Unfortunately, they also did

not note whether this trend was statistically significant. Taken together, these

results reflect that the elastic properties of different arteries have different frequency

dependencies [301]. Thus, the dynamic mechanical properties of a VMM should

be evaluated against the dynamic mechanical properties of the target vessel. The

dynamic viscoelastic properties of PVA/gelatin cryogel must be compared with the

dynamic viscoelastic properties of healthy human coronary arteries, once such data

become available.
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3.4.3 Hyperelastic Behaviour

Like arteries, hydrogels are nearly incompressible and demonstrate a non-linear

response to loading. Thus, a hyperelastic model was needed to emulate the quasi-

static mechanical behaviour of PVA/gelatin grafts. In this chapter, the hyperelas-

ticity of four PVA/gelatin cryogel compositions were characterised according to a

number of isotropic models used to empirically describe rubbery materials. Pure

PVA cryogels have previously been fitted to first [195, 314] and second [315] order

polynomial, Yeoh and Ogden [316] models. Here, the hyperelastic response of

PVA/gelatin cryogels has been calibrated to polynomial, reduced polynomial and

Ogden models of varying order, using data obtained under uniaxial compression.

For a hyperelastic model to be efficient, it should contain as few terms as possi-

ble. This ensures that each coefficient describes some part of the mechanical response

of the material and minimises the number of experimental tests needed to fit them

[92, 98]. The model must also be stable across the strain region of interest, where the

Drucker stability condition requires incremental changes in strain to increase with

respect to incremental changes in stress (dσ:dϵ > 0) [304]. Stability is especially

important when characterising a synthetic graft material because the FE model

must accurately predict its behaviour when subjected to multi-axial stress states,

such as those experienced in a pressurised artery. The curve fitting procedure in

Abaqus assesses stability under uniaxial, biaxial and planar shear; in this thesis,

the stability of PVA/gelatin cryogel under biaxial and planar shear was considered

qualitatively using the material constants obtained under uniaxial compression, as

neither biaxial nor shear tests were performed experimentally. This approach has

been implemented in the characterisation of other hyperelastic materials [317].

The Mooney-Rivlin model failed to consistently predict the hyperelastic
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behaviour of each cryogel composition; it yielded Drucker instabilities under uni-

axial, biaxial and planar compression and tension. Removing the second strain

invariant overcame these instabilities. However, while the neo-Hookean model is

suited to limited test data [98], it could not capture the strain hardening effect

observed at high (>30%) strain. This was reflected in the correlation coefficient,

which was notably lower than the other stable models for all cryogel compositions.

Increasing the order of the reduced polynomial improved the approximation of the

stiffening response of PVA/gelatin cryogel at high strain. The third order reduced

polynomial (Yeoh) model provided the necessary accuracy at high strain while keep-

ing the order of the strain energy density function as low as possible.

The first order Ogden model provided a good fit using only two coefficients:

µ1, with units of pressure, and α1, a dimensionless quantity that determines the

non-linearity of the stress–strain plot. Together, they describe the shear modulus of

the cryogel. The Ogden model has been used to capture the hyperelastic behaviour

of many soft strain-hardening materials, including gelatin gels [318]. Second and

third order Ogden models need test data from multiple deformation modes for a

stable fit; however, other studies have demonstrated that the first order model can

properly characterise hydrogels under compression [318, 319].

Analysis of PVA/gelatin Ogden parameters showed that increasing the Mw of

PVA or using coagulation treatment increased µ1 and thus the stiffness of the cryogel

(p < 0.05). This agrees with the elastic and dynamic complex moduli reported in

Sections 3.3.1 and 3.3.2 as well as previous literature, where higher elastic [13,

199] and dynamic complex [103] moduli have been linked to changes in the gel

microstructure caused by the cryogelation process. No statistical significance in

α1 was observed as either a function of Mw PVA or use of coagulation treatment.

This indicates that the curvature of the stress–strain plot was independent of both
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manufacturing parameters and each composition exhibited the same overall trend

in stress–stiffening response over 50% strain.

Interestingly, the Yeoh model did not highlight a statistically significant increase

in its stiffness parameter C10 when using coagulation treatment. This discrepancy

may be explained by considering that C10 = 1
2
µ0 and thus describes only the ini-

tial region of the stress–strain curve, which does not vary significantly with use of

coagulation treatment. However, µ1 is influenced by the non-linearity of the curve

at higher strain (µ1 = 2µ0

α1
). Importantly, the simulated stress–strain responses of

each PVA/gelatin composition under compression, obtained using the mean values

of the hyperelastic parameters of both constitutive models, compare well with the

experimental test data. Despite the differences in constitutive parameters, both the

first order Ogden and Yeoh models were appropriate for modelling the quasi-static

hyperelastic behaviour of PVA/gelatin cryogel under compression.

3.5 Conclusion

The aim of this chapter was to expand existing knowledge on the manufacturing-

specific mechanical properties of PVA/gelatin cryogel; this was achieved through

quantification of linear elastic, dynamic viscoelastic and hyperelastic parameters of

PVA/gelatin cryogels as a function of Mw PVA and polymer coagulation treatment.

To the author’s knowledge, this chapter marks the first time that dynamic viscoelas-

tic and hyperelastic parameters have been reported for PVA/gelatin cryogel. More

broadly to this thesis, the parameters generated from each mechanical test were in-

tended to facilitate the development of computational models of PVA/gelatin-based

coronary artery grafts and thus aid the design and clinical translation of PVA/ge-

latin cryogel as a viable VMM. The following conclusions are drawn:
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• Increasing the Mw of PVA and/or using a 1 M KOH/1 M Na2SO4 coagulation

bath to reinforce the cryogel microstructure increased the stiffness of PVA and

PVA/gelatin cryogel, as evidenced by an increase in E, E ′/E ′′ and µ1/µ0/C10;

• For some high Mw compositions, the addition of 1 wt% gelatin induced a

minor yet statistically significant increase in stiffness compared with pure PVA

cryogel. It is concluded that gelatin does not disrupt PVA cryogel formation

and may act to increase chain entanglement when high Mw PVA is used;

• In lieu of dynamic viscoelastic data on human coronary arteries, the dynamic

viscoelastic parameters of PVA/gelatin cryogel were compared with porcine

coronary arteries. The tanδ of PVA and PVA/gelatin cryogel was compara-

ble to porcine coronary arteries; furthermore, the magnitudes of E ′ and E ′′

fell between the minimum and maximum values reported in the literature.

However, PVA/gelatin cryogel and showed contrasting frequency-dependency

trends between 0–10 Hz compared with porcine coronary arteries;

• The first order Ogden and Yeoh hyperelastic models are suitable for modelling

the hyperelastic behaviour of cast (isotropic) PVA/gelatin cryogel.
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Chapter Four

FINITE ELEMENT MODELLING

OF HYPERELASTIC

PVA/GELATIN GRAFTS

4.1 Introduction

Chapter 3 demonstrated the impact of formulation and processing parameters on

the mechanical properties of PVA/gelatin cryogel. The ability to tune key

mechanical behaviours such as hyperelasticity and viscoelasticity through choice of

manufacturing parameters makes PVA-based cryogels appealing targets for multi-

layered coronary artery grafts. This chapter will build upon the growing body of

experimental data supporting PVA/gelatin cryogel as a viable VMM – including

the mechanical data presented in Chapter 3 – through the quasi-static simulation of

four hyperelastic tri-layered PVA/gelatin coronary artery grafts under systolic and

diastolic pressure. The simulated response of each PVA/gelatin-based graft will be

assessed in relation to simulations of the coronary artery wall.
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Designing synthetic grafts to replace diseased blood vessels remains a critical

field of biomedical research [89, 151, 235]. A Web of Science literature search reveals

that 1904 papers containing the words "small diameter vascular graft" or "small

diameter artery graft" were published between 2000–2022. Yet, few grafts ever make

it to the clinical trial stage.

For a graft to remain viable in vivo, it must replicate the native functions of

the host artery that it intends to replace. This relies on the intrinsic characteristics

of the biomaterial(s) used [320]. These characteristics are often grouped into four

categories: (1) the ability to maintain a healthy endothelium on the biomaterial

surface; (2) blood compatibility; (3) biocompatibility and biodegradability; and (4)

matched mechanical properties [7]. Importantly, the success of a graft depends on

satisfying all four categories simultaneously. A healthy endothelium displays a qui-

escent non-thrombogenic phenotype to prevent blood clot formation; this phenotype

is mediated in part by the biomechanical forces exerted upon it. Arteries expand

and contract in response to blood pressure, generating stress and strain within the

vessel wall [119]. Cyclic stretch activates downstream signalling pathways through

mechanotransduction, impacting EC phenotype [124]. The magnitude of stress and

strain is partly determined by the wall stiffness, which in turn influences vessel

compliance, defined as the change in arterial volume relative to the change in

pressure. Compliance impacts blood flow through the vessel and subsequently the

WSS exerted at the blood–endothelium interface [53, 321]. The biomechanics of

coronary artery grafts should therefore emulate that of the native coronary artery

wall in order to support healthy EC function.

Many VMMs have been developed over the last few decades, yet few have

been characterised with the constitutive equations needed to capture the complex

mechanical behaviour of the artery wall [9]. Arteries are hyperelastic, viscoelastic
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and anisotropic [62, 225, 322]. Their response to loading under pulsatile blood flow

is both strain-dependent and direction dependent; the stiffness not only increases

at large strain, but is higher along the longitudinal direction of the vessel. This

behaviour is driven by the arrangement of stiff (collagen) and elastic (elastin) fibrils

in the three layers of the artery wall. Each layer fulfils a specific task. As the luminal

layer, the intima supports the endothelium. It is generally thought that the media

is responsible for arterial wall properties at physiological pressure [28, 323, 324].

However, studies in aged human coronary arteries suggest that the intima bears

more load in arteries with non-atherosclerotic intimal thickening [288]. Meanwhile,

the outermost layer, the adventitia, prevents overdistension.

It is reasonable to assume that a single-layer, homogeneous vascular graft

could not sufficiently replicate all of the complex properties of the artery wall.

Instead, multi-layered grafts could overcome the mechanical simplicity of homo-

geneous VMMs by mimicking the structure–function relationship of the individual

artery wall layers [150]. Tri-layered artery grafts have been manufactured and tested

in vitro [325] and in vivo [240, 326, 327]. For instance, biomimetic vascular scaffolds

with enhanced tensile strength and burst pressure response have been obtained by

supporting porous medial layers with adventitia-mimicking VMMs such as PCL [326]

and polyurethane [327]. PCL and polyurethane have high ultimate stresses and

provide mechanical stability to the outer wall of the graft. Meanwhile, by chang-

ing the thickness of the medial layer of triple-layered polyurethane scaffolds, the

compliance can be tailored to match that of sheep carotid artery [240].

Tubular tri-layered PVA cryogel-based vascular grafts have been manufactured

through casting [267] and dip-coating [245, 268]. Interestingly, despite PVA/gelatin

cryogel being acknowledged as a VMM with improved haemocompatibility compared

with pure PVA cryogel, no multi-layered PVA/gelatin grafts could be identified in
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the literature. Taking inspiration from PVA cryogel grafts, casting and dip-coating

could be used to manufacture of analogous multi-layered PVA/gelatin grafts. Alter-

natively, the design freedom afforded by sub-zero AM is well-suited to engineering

grafts with structural complexity, including the three layers of the artery wall [15–

17, 271].

Regardless of the manufacturing route chosen, there is scope for complementary

computational design studies that predict which cryogel parameters can be optimised

to target specific properties of the coronary artery wall. FEA is a versatile method

for predicting the mechanical behaviour of arteries and prototype graft designs in

a haemodynamic environment, allowing researchers to compute stress distributions

through grafts and understand how material stresses are transmitted to the endothe-

lium relative to native tissue [328, 329]. Thus, FEA has the potential to streamline

the design of small diameter vascular grafts [280]. Computational optimisation

schemes have been proposed in the design of other biopolymer-based vascular grafts

to yield compliance-matched graft constructs [330, 331]. However, at present, no

literature studies have used FEA to study the layer-specific biomechanics of PVA/ge-

latin grafts, nor modelled the compliance of PVA/gelatin grafts under physiological

pressure. In silico studies of multi-layered PVA/gelatin grafts would provide insight

into the transmural biomechanics of these grafts under physiological loads, as well

as facilitate prediction of the mechanical behaviour of different coronary artery graft

designs.

4.1.1 Aims and Objectives

This chapter aims to simulate the quasi-static biomechanical response of a

hyperelastic, tri-layered FE model of a coronary artery graft, informed from the
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experimental characterisation of PVA/gelatin cryogel performed in Chapter 3. These

grafts could, in theory, be manufactured using sub-zero AM or casting techniques.

The following objectives were set:

• Build a tri-layered, coronary artery FE model using hyperelastic parameters

sourced from the literature;

• Assess the impact of different hyperelastic constitutive models on the simulated

biomechanics of the coronary artery wall;

• Build a tri-layered, PVA/gelatin FE graft model using the Ogden and Yeoh

parameters fitted in Chapter 3;

• Validate the transmural stress, transmural strain and compliance of multiple

PVA/gelatin graft designs under physiological pressure against the native wall.

This research not only looks to expand the current literature surrounding

PVA-based arterial grafts, but also presents a computational method that com-

plements the experimental characterisation of hyperelastic VMMs for soft tissue

engineering. In both cases, it is anticipated that FE modelling could extend current

understanding of how stress, strain and compliance may alter the haemodynamic

environment experienced by ECs, thereby helping guide the future design, manu-

facture and validation of tri-layered graft constructs for the treatment of coronary

artery disease.
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Cryogel 
Model

Obtain uniaxial 
compression data for 

four PVA/gelatin 
cryogel compositions

Fit data to isotropic 
hyperelastic 

constitutive models 
and assess model 

stability

Extract hyperelastic 
coefficients of stable 

models 

Construct multi-
layered PVA/gelatin 

FE models using 
hyperelastic 
coefficients 

Coronary 
Artery 
Model

Obtain layer-specific 
hyperelastic 

coefficients of 
coronary arteries

Construct multi-
layered artery FE 

models; run quasi-
static implicit analysis 

Compare wall stress 
and strain of 

PVA/gelatin and 
coronary artery 

models

Figure 4.1: Workflow used to create tri-layered FE models. Dashed lines represent
data obtained from the literature, while dotted lines represent the steps performed
in Chapter 3.
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4.2 Method

4.2.1 Overview

All multi-layer FE models were constructed in Abaqus/CAE 2021 (Dassault

Systèmes, SIMULIA Corp., Johnston, RI, USA) using quasi-static implicit

analyses. An overview of the computational workflow is given in Figure 4.1.

The hyperelastic behaviour of PVA/gelatin cryogel was previously determined

using uniaxial compression test data from Chapter 3. The first order Ogden and

Yeoh hyperelastic coefficients of four PVA/gelatin cryogel compositions were chosen

for all subsequent FE analyses.

A control experiment replicating the native coronary artery wall was first

performed to provide a benchmark for PVA/gelatin graft behaviour under

physiological load. The layer-specific hyperelastic behaviour of human coronary

arteries with non-atherosclerotic intimal thickening was determined experimentally

by Holzapfel et al. [288]. This data has since been fitted to polynomial [332], re-

duced polynomial [333] and Ogden [334] models for the simulation of coronary artery

biomechanics. However, the rationale behind choosing a specific hyperelastic model

to describe the wall layers is not commonly reported. To reflect the variety of hy-

perelastic models used in the literature, and to investigate the resulting differences

in transmural stress and strain between them, three multi-layered FE models of the

artery wall, one for each constitutive model, were constructed according to these

literature values (Table 4.1). The results of transmural stress and strain were taken

as nodal analysis paths through the thickness of the wall, as shown in Figure 4.2;

the stress and strain distribution of the multi-layered PVA/gelatin constructs were
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then compared to those of the three artery models.

4.2.2 FE Model

4.2.2.1 Geometry

The coronary artery was idealised as a straight cylindrical vessel partitioned

into three concentric tissue layers. The thicknesses of the intima, media and adven-

titia were chosen according to experimental data on human coronary arteries (0.23,

0.30 and 0.34 mm, respectively) [288]. The artery was then embedded within a

representative block of soft tissue to represent the surrounding connective tissues.

𝑟

𝜃

𝑧

Figure 4.2: Discretised three-layer coronary artery wall. A cylindrical coordinate
system was adopted using the three-dimensional coordinates r (radial), θ (circumfer-
ential) and z (axial). Each layer was meshed with seven layers of elements through
the radial thickness; the nodal analysis path used to extract field variable values
from the model is highlighted by the red dotted line.
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4.2.2.2 Boundary Conditions

Using radial (r), circumferential (θ) and axial (z) cylindrical coordinates (Figure

4.2), the outer circumferential surface of the soft tissue was constrained in all six

degrees of freedom (encastre). The inlets of the soft tissue and each tissue layer were

also constrained axially. This allowed the artery to expand freely in both the radial

and circumferential directions. The load was applied radially to the luminal surface

of the model using two analysis steps: an 80 mmHg pressure load was first applied

to represent diastolic blood pressure, and an additional 40 mmHg was applied to

reach a systolic blood pressure of 120 mmHg.

A convergence study was performed to ensure that the values of wall stress and

strain remained independent of the encastre boundary conditions. Shown for stress

in Figure 4.3, the ratio of soft tissue diameter, Dtissue, to artery diameter, Dartery,

was varied from 3:1 to 96:1. A Dtissue:Dartery ratio of 24:1 was used going forward

(Dtissue = 108 mm and Dartery = 4.5 mm) to strike the balance between convergence

and physiological relevance.

To replicate the behaviour between heterogeneous tissue and material

boundaries (as opposed to a homogeneous construct), the following interface

constraints were applied. The contact between each tissue layer was modelled

using surface-to-surface interactions with hard penalty contact constraints.

Under the quasi-static luminal pressures applied in these simulations, there will be no

relative radial motion between the interfacing surfaces assuming these

constraints. To enable circumferential motion, yet also prevent unconstrained slid-

ing, static friction coefficients were used to model the behaviour between interfacing

arterial tissue and PVA/gelatin layers. There is very limited research exploring the

interactions between the surfaces of artery wall layers, the surfaces of hydrogels
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and the surfaces between soft tissues and hydrogels. In their balloon angioplasty

analysis, Mortier et al. [335] applied a friction coefficient of 0.2 between all contact

pairs. While the friction between interfacing PVA layers has not been reported, the

biotribological behaviour of PVA and titanium alloy yielded a friction coefficient of

≈ 0.04 [306]. These estimated values were applied herein.
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Figure 4.3: Boundary condition convergence study performed at systolic pressure
using first order Ogden P9G1-A-C coefficients for all three tissue layers (tissue in-
terfaces are represented by grey dashed lines). (A) σθ and (B) σr profiles through
the thickness of the wall; (C) Convergence of luminal σθ; (D) Convergence of σr at
the adventitia–tissue interface.
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4.2.2.3 Mesh

The artery and surrounding soft tissue were discretised using solid linear hexahedral

(C3D8RH) elements. Hybrid (H) element were used to prevent volumetric locking,

while reduced integration (R) elements were chosen to account for geometric non-

linearity. A mesh convergence study was conducted to ensure that the values of

stress obtained were independent of mesh density (Figure 4.4). The resulting mesh

contained a total of 171,200 elements, with an edge length of 0.36 mm, for the wall

layers. Each layer contained seven layers of elements through the radial thickness

(Figure 4.2).
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Figure 4.4: Mesh convergence study performed using third order Ogden coronary
artery coefficients at systolic pressure. Convergence was achieved when the luminal
stress increased less than 2% relative to the previous mesh size (dashed lines).
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4.2.2.4 Material Properties

Table 4.1: Layer-specific hyperelastic material coefficients obtained from the lit-
erature, derived from hyperelastic isotropic constitutive models fitted to coronary
arterial tissue.

MATERIAL PARAMETERS

Material Model Intima Media Adventitia From Study

Polynomial C10 = −0.204 MPa C10 = −0.117 MPa C10 = −0.189 MPa [332]
C01 = 0.223 MPa C01 = 0.128 MPa C01 = 0.202 MPa
C20 = 1.37 MPa C20 = 0.224 MPa C20 = 0.459 MPa
C11 = −3.71 MPa C11 = −0.672 MPa C11 = −1.38 MPa
C02 = 2.67 MPa C02 = 0.569 MPa C02 = 1.34 MPa

Reduced C10 = 6.79×10−3 MPa C10 = 6.52×10−3 MPa C10 = 8.27×10−3 MPa [333]
Polynomial C20 = 0.54 MPa C20 = 4.89×10−2 MPa C20 = 1.20×10−2 MPa

C30 = −1.11 MPa C30 = 9.26×10−3 MPa C30 = 0.52 MPa
C40 = 10.65 MPa C40 = 0.76 MPa C40 = −5.63 MPa
C50 = −7.27 MPa C50 = −0.43 MPa C50 = 21.44 MPa
C60 = 1.63 MPa C60 = 8.69×10−2 MPa C60 = 0 MPa

Ogden µ1 = −5.70 MPa µ1 = −1.84 MPa µ1 = −1.99 MPa [334]
µ2 = 3.58 MPa µ2 = 1.12 MPa µ2 = 1.20 MPa
µ3 = 2.17 MPa µ3 = 0.73 MPa µ3 = 0.81 MPa
α1 = 24.43 α1 = 21.71 α1 = 24.61
α2 = 25.00 α2 = 22.00 α2 = 25.00
α3 = 23.24 α3 = 21.20 α3 = 23.90
D1 = 0.85 D1 = 4.11 D1 = 3.92

Layer-specific hyperelastic coefficients of human coronary arteries were obtained

from the literature and are listed in Table 4.1. The surrounding soft tissue was

modelled as a Hookean linearly elastic material with a Young’s modulus of 0.05 MPa

and a Poisson’s ratio of 0.49 [336]. Both the artery wall layers and the surrounding

tissue were modelled using an average value of density for soft tissue (1040 kg m-3)

according to a previous study [336].

The hyperelastic coefficients and densities of P9G1-A-C, P9G1-A-NC, P9G1-B-C

and P9G1-B-NC were taken from Chapter 3; for convenience, the material properties

are reprinted in Table 4.2. A Poisson’s ratio of 0.49 was assumed to reflect the near-

incompressibility of PVA cryogel [266].
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Table 4.2: First order Ogden and Yeoh constitutive parameters fitted to PVA/ge-
latin compression data and densities of all PVA/gelatin cryogel compositions in
Chapter 3 (mean ± SD).

FIRST ORDER OGDEN CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

µ1 (MPa) 0.0444 ± 0.0060 0.0374 ± 0.0042 0.0276 ± 0.0010 0.0227 ± 0.0025
α1 7.116 ± 0.528 6.553 ± 0.276 7.765 ± 0.493 7.311 ± 0.581

µ0 (MPa) 0.157 ± 0.016 0.122 ± 0.012 0.107 ± 0.009 0.083 ± 0.011
r2 0.9994 ± 0.0004 0.9988 ± 0.0008 0.9994 ± 0.0003 0.9988 ± 0.0008

YEOH CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0205 ± 0.0035 0.0180 ± 0.0024 0.0126 ± 0.0006 0.0108 ± 0.0014
C20 (MPa) 0.0015 ± 0.0028 −0.0015 ± 0.0019 0.0015 ± 0.0014 −0.0007 ± 0.0007
C30 (MPa) 0.0042 ± 0.0017 0.0044 ± 0.012 0.0032 ± 0.0006 0.0033 ± 0.0009
µ0 (MPa) 0.0410 ± 0.0070 0.0360 ± 0.0049 0.0252 ± 0.0012 0.0217 ± 0.0027

r2 0.9994 ± 0.0008 0.9984 ± 0.0009 0.9997 ± 0.0002 0.9985 ± 0.0007

DENSITY

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

ρ (kg m−3) 1080 ± 36 1190 ± 16 1070 ± 37 1120 ± 38

4.2.3 Field Variable Extraction for Stress/Strain Analyses

For all models investigated in this study, three outcomes of interest were highlighted

for extraction:

• Transmural stress/strain distribution at a set pressure (systolic pressure);

• Transmural stress/strain distribution as a function of pressure;

• The absolute compliance of the graft between systolic and diastolic pressure.

In the first instance, the nodal analysis path depicted in Figure 4.5 was used

to extract stress and strain field variables from the step increment corresponding to
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systolic pressure. By relating the position of each node in the nodal analysis path

to its position in the wall, the stress or strain at that node was plotted with respect

to wall thickness, as demonstrated in Figure 4.5.
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Figure 4.5: Schematic of the nodal analysis path used to extract stress and strain
values with respect to wall thickness. Representative node labels are shown in red;
dashed lines represent the boundaries between tissue layers.

To obtain transmural stress/strain as a function of pressure, stress and strain

were extracted using the same nodal analysis path in Figure 4.5. However, instead

of extracting the data at only systolic pressure, the data were extracted at each

step increment of the simulation. Depending on the field variable of interest, this

generated stress–pressure or strain–pressure curves for each of the nodes along the

nodal analysis path. To gain insight into the layer-specific stress/strain distribution

under physiological loading, the stress–pressure/strain–pressure curves for all nodes

within a given wall layer were averaged to give the mean circumferential stress (σθ),

mean circumferential strain (ϵθ), mean radial stress (σr) and mean radial strain (ϵr)

for the intima, media and adventitia. This process is demonstrated for the mean σθ

of the medial layer of Ogden-derived coronary artery model in Figure 4.6.

As the lumen volume did not vary in the longitudinal direction, the 2D
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cross-sectional compliance (CC, units: mm2

mmHg
) was calculated as the absolute change

in cross-sectional area A between diastolic (80 mmHg) and systolic (120 mmHg)

pressure (Equation 4.1).

CC =
∆A

∆P
(4.1)

1 2 3 4 5 6 7 8

Figure 4.6: Example schematic of the individual and mean stress–pressure curves
obtained for the medial layer of the Ogden-derived coronary artery model.

4.2.4 Relative Difference Calculation

The relative differences in transmural stress and strain distribution between the

synthetic grafts and arterial models (σθ,r(diff) and ϵθ,r(diff)) at 120 mmHg pressure

were calculated using Equation 4.2.

σ, ϵθ,r(diff) =
σ, ϵθ,r(PV A/gelatin) − σ, ϵθ,r(artery)

σ, ϵθ,r(artery)
× 100% (4.2)
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4.3 Results

4.3.1 Comparison of Coronary Artery Transmural Biome-

chanics

The tri-layer FE model was first run using layer-specific hyperelastic material

coefficients fitted to coronary artery tissue (Table 4.1). The strain response of each

layer of the artery models showed a non-linear relationship with pressure across

the 0-–120 mmHg pressure range. Demonstrated for the circumferential strain (ϵθ)

of the intima in Figure 4.7, this indicates a strain-stiffening response at higher

physiological pressures, a phenomenon well documented experimentally [27, 337].

Analogous behaviour was observed for ϵ(r,intima) (Figure 4.8). To prevent repetition,

ϵ(θ,media)/ϵ(r,media) and ϵ(θ,adventitia)/ϵ(r,adventitia) are included in Appendix B (Figures

B.1 and B.2). The response was approximately linear between diastole (80 mmHg)

and systole (120 mmHg). Furthermore, the difference in ϵθ between each model

was largest at systolic pressure: for example, ϵ(θ,intima) = 0.14 ± 0.01, 0.15 ± 0.01

and 0.19 ± 0.02 MPa in the polynomial, reduced polynomial and Ogden models,

respectively. A similar trend was observed for ϵr (ϵ(r,intima) = 0.13 ± 0.01, 0.13 ±

0.01 and 0.15 ± 0.01 MPa, respectively).

The circumferential stress (σθ) and radial stress (σr) at systolic pressure, as a

function of radial wall thickness, are displayed in Figure 4.9. For all three coronary

artery models, the distribution of σθ was non-uniform across the three tissue layers

(Figure 4.9A). Each model demonstrated maximum σθ at the luminal surface, fol-

lowed by a marked decrease at the intima–media interface. Of the three models, the

maximum value of σθ was lower in the polynomial model (σθ = 0.079 MPa) than
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Figure 4.7: Mean ϵθ of the coronary intima between (A) 0–120 mmHg pressure
and (B) 80–120 mmHg pressure (dashed lines show the SD for each model).

in the Ogden (σθ = 0.117 MPa) and reduced polynomial (σθ = 0.126 MPa) models.

Though a further increase in σθ was observed between the media and adventitia

in the Ogden and polynomial models, the σθ transitioned continuously across the

media–adventitia interface in the reduced polynomial model.

The effects of compressive stresses through the wall cannot be neglected as the

artery has a radius-to-thickness ratio of less than 10, necessitating the thick-walled
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Figure 4.8: Mean ϵr of the coronary intima between (A) 0–120 mmHg pressure
and (B) 80–120 mmHg pressure (dashed lines show the SD for each model).

assumption. In all cases, σr was an order of magnitude lower than σθ and decreased

with increasing distance from the luminal surface (Figure 4.9B).
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Figure 4.9: (A) σθ and (B) σr profiles for each coronary artery model at systolic
pressure. Grey dashed lines represent the intima–media and media–adventitia in-
terfaces.

4.3.2 PVA/Gelatin Graft Design Validation

Based on the transmural trends observed from the coronary artery models in Section

4.3.1, the following targets were set for the PVA/gelatin graft constructs:

• for σθ, σ(θ,intima) > σ(θ,media) ≤ σ(θ,adventitia);
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Table 4.3: PVA/gelatin (PG) compositions used in the four iterations of the
PVA/gelatin tri-layered FE model.

PG–1 PG–2 PG–3 PG–4

Intima P9G1-A-C P9G1-A-C P9G1-A-C P9G1-A-C

Media P9G1-B-NC P9G1-B-NC P9G1-B-NC P9G1-B-NC

Adventitia P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

• for σr, σ(r,intima) > σ(r,media) > σ(r,adventitia);

• for ϵθ and ϵr, strain-stiffening should occur between 0–120 mmHg pressure.

The original test data of Holzapfel et al. [288] and the results from Section

4.3.1 of this study showed that the coronary intima displays substantial mechanical

strength and load-bearing properties. By contrast, the media was the softest of

the three tissue layers. The intima was therefore set to the stiffest PVA/gelatin

composition (P9G1-A-C), and the media was set to the most compliant PVA/gelatin

composition (P9G1-B-NC), using the Ogden and Yeoh parameters fitted in Section

4.3.1. The adventitia was then varied across the four cryogel compositions tested in

the study (Table 4.3).

The distributions of σθ, ϵθ, σr, and ϵr demonstrate a qualitative correlation

between the histologically derived coronary artery models (Figures 4.7–4.9) and the

synthetic graft designs (Figures 4.11 and 4.12). Figure 4.10 shows the σθ contour

maps of the four PVA/gelatin graft designs outlined in Table 4 at systolic pressure.

σθ was largest at the luminal surface of all four grafts, comparable to the location

of maximum σθ in the three coronary artery models. Moreover, σθ decreased across

the intima—media interface (Figure 4.11).

Grafts PG–1, PG–2 and PG–3 replicate the behaviour of a tri-layered
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system, with an increase in circumferential stiffness provided by the adventitial layer.

This mimics the behaviour of the Ogden and polynomial coronary artery models

(Figure 4.9). The distribution of σθ was discontinuous at the media–adventitia

interface; σ(θ,adventitia) increased with increasing stiffness of adventitia mimicking

material (PG–1 > PG–2 > PG–3). Meanwhile, σ(θ,intima) decreased (Figure 4.11B).

This suggests that increasing the stiffness of the adventitia relieved some of the

stress from the intima and shifted the distribution of σθ from the intima to the

adventitia (and, simultaneously, ϵθ was reduced across all three tissue layers). On

the other hand, PG–4 displayed no discernible change in stiffness between the me-

dia and adventitia. Instead, PG–4 behaved like a bi-layered graft consisting of a

stiff intima and compliant media–adventitia with biomechanics akin to the reduced

polynomial coronary artery model. As the graft with the most compliant adventitia

mimic, PG-4 exhibited the highest maximum σθ and ϵθ of the four designs.

PG–1 PG–2

PG–3 PG–4

𝜎𝜃 (MPa)

Figure 4.10: σθ contour maps of each PVA/gelatin graft using Ogden parameters.
Analogous Yeoh σθ contour maps are displayed in Figure B.3.
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Figure 4.11: The circumferential biomechanics of PVA/gelatin grafts at systolic
pressure. (A) The mean ϵθ of the PVA/gelatin graft intima between 0–120 and
80–120 mmHg pressure (error bars have been omitted for clarity), modelled using
Ogden (solid lines) and Yeoh (dashed lines) hyperelastic parameters. (B) σθ and ϵθ
profiles through the radial thickness of each PVA/gelatin graft design. Grey dashed
lines represent the intima–media and media–adventitia interfaces.
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Figure 4.12: The radial biomechanics of PVA/gelatin grafts at systolic pressure.
(A) σr and ϵr profiles through the radial thickness of each PVA/gelatin graft design,
modelled using Ogden (solid lines) and Yeoh (dashed lines) hyperelastic parameters.
Grey dashed lines represent the intima–media and media–adventitia interfaces; (B)
Compliance of PVA/gelatin grafts compared with coronary artery models.

The mean ϵθ of the PVA/gelatin graft intima between 0–120 mmHg is shown

in Figure 4.11A. Analagous trends were observed for ϵ(θ,media) and ϵ(θ,adventitia); for

these, the reader is referred to Figures B.4 and B.5.
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The radial biomechanics of PG–1, PG–2 and PG–3 mimicked that of the

tri-layered coronary artery models. At approximately the same magnitude as the

applied pressure (120 mmHg ≈ 0.016 MPa), σr was highest at the luminal sur-

face of the graft with minor stepwise decreases between each tissue layer (Figure

4.12A). Equally, no change in the gradient of σr was observed between the media

and adventitia of PG–4, comparable to the bi-layered artery model (Figure 4.9B).

For each bi- and tri-layered graft and its relevant artery model equivalent, stress

and strain were on the same order of magnitude. However, there were some notable

location-specific quantitative differences which varied in the degree of error. The rel-

ative differences in transmural stress and strain distribution between the synthetic

grafts and arterial models (σθ,r(diff) and ϵθ,r(diff)) at 120 mmHg pressure are plotted

in Figures 4.13–4.15. Key discrepancies were observed at the luminal surface of the

grafts and the interfaces between tissue layers. These differences were compounded

by the choice of hyperelastic model used to model both PVA/gelatin and the coro-

nary artery. Focusing on σθ distribution, the magnitude of σθ at the luminal surface

of PG–1, PG–2 and PG–3 when modelling the cryogels using Ogden parameters was

40–49% lower than that observed in the Ogden coronary artery model and 12–24%

lower than that observed in the polynomial coronary artery model. Using Yeoh

cryogel parameters, σθ(diff) at the same location were 45–55% and 19–33% lower,

respectively. The luminal σθ of PG–4 closely resembled the reduced polynomial

coronary artery model when using both Ogden and Yeoh PVA/gelatin parameters

(σθ(diff) = 6–7%).

The absolute compliance of PVA/gelatin grafts decreased with increasing ad-

ventitial stiffness (PG-1 < PG-2 < PG-3 < PG-4, Figure 4.12B). However, the

compliance of the PG-1 graft was more than double that observed for all three

coronary artery models.
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4.4 Discussion

Tri-layered grafts are gaining traction in small-diameter blood vessel tissue

engineering as a strategy to reduce the mechanical incompatibilities associated

with homogeneous grafts [150]. In addition, PVA/gelatin cryogel has been high-

lighted as a haemocompatible VMM whose mechanical properties can not only

be tuned to the ranges reported for arterial tissue, but has the potential to be

manufactured into tri-layered constructs using casting [267], dip-coating [245, 268]

or sub-zero AM [15–17, 271]. FE analysis has the potential to rapidly accelerate

the design process for engineering biomimetic synthetic grafts by highlighting the

parameters which promote specific mechanical behaviours [23]. However, its use

in the design and validation of multi-layered synthetic arterial grafts is relatively

uncommon, and was unexplored for PVA/gelatin cryogel grafts prior to this thesis.

Section 4.4.1 reviews the key discussion points pertaining to the FEA of the coronary

artery wall, while Section 4.4.2 relates the biomechanical behaviours reported for the

four PVA/gelatin graft designs to the benchmarks set by the native vessel. Finally,

Section 4.4.3 will address study limitations and highlight future steps to increase

model complexity and facilitate improvement of coronary artery graft optimisation

through experimentally-informed FEA.

4.4.1 Simulating the Biomechanics of the Coronary Artery

Wall

Arterial wall stiffness is commonly probed using uniaxial and biaxial testing; for

coronary arteries, the values range hugely from 0.9 kPa to 10 MPa [9]. The ex-

perimental work of Holzapfel et al., which examined the layer-specific mechanical

132



4 | FINITE ELEMENT MODELLING OF HYPERELASTIC PVA/GELATIN
GRAFTS

properties of human coronary arteries under tension [288], remains the basis of

many computational studies where layer-specific wall properties are relevant to the

simulation [332–334, 338–341]. In all cases, a phenomenological approach was used

to curve fit the experimental test data and extract the hyperelastic coefficients that

best capture the "J"-shaped hyperelastic stress–strain curve. The optimal model is

the one which provides the best fit across the required strain range. However, these

cited studies differ in the material constitutive law used to fit the same experimental

data. The rationale behind hyperelastic model choice is not always stated. Further-

more, the impact of hyperelastic model choice on the desired FE outputs is rarely

investigated or compared. This study sought to address the variety of hyperelastic

models used to model arterial tissue, and in doing so has highlighted the difference

in transmural stress and strain, and subsequently compliance, using three isotropic

strain energy density constitutive equations based on the same experimental data.

The results indicate that both circumferential (tensile) and radial (compressive)

stress and strain primarily act upon the intimal layer of coronary arteries with non-

atherosclerotic intimal thickening, regardless of hyperelastic model used. However,

while the stiffness of each of the three layers was distinct when using the Ogden

and polynomial models, the reduced polynomial model behaved like a bi-layered

wall consisting of an intima and combined media–adventitia layer. These results

not only have implications in the assessment of synthetic grafts, where arterial wall

properties are needed as a benchmark for their performance [275], but for any FE

model aiming to replicate the quasi-static biomechanics of the coronary artery wall.

This is particularly relevant when modelling (or mimicking) mechanotransduction

in the endothelium, as the forces generated by stress and strain within the wall play

a concerted role in mediating healthy and disease-related endothelial cell behaviour

[114]. For instance, numerical analysis has shown that transmural pressure influences
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low-density lipoprotein accumulation across the intima and media, a key process in

the progression of atherosclerotic plaques [342]. Yet, the impact of the constitutive

model used for these tissue layers was not discussed.

The stress–strain results of all three coronary artery models study aligned with

the experimental data from which the hyperelastic parameters were fitted: at physio-

logical pressures, in coronary arteries with non-atherosclerotic thickening, the intima

was largely responsible for the mechanical strength of the coronary artery [288]. It

displayed the highest stiffness of all three tissue layers and bore the brunt of both

circumferential (tensile) and radial (compressive) stresses. At the intima—media

interface, σθ dropped an order of magnitude while the gradient of σr decreased

substantially. The contributions of the two layers to the mechanical properties of

the wall must therefore be considered separately. This is in contrast to studies

performed using porcine coronary artery data, where the intima and media are gen-

erally analysed as a combined intima—media layer [323, 324]. These results reflect

the limitations associated with using such bi-layered models (i.e. models comprised

of intima-–media and adventitia) as the basis to develop functional coronary artery

grafts.

4.4.2 Comparison of Coronary Artery and PVA/Gelatin Graft

Biomechanics

FE analysis has shown that, by keeping the composition of PVA/gelatin cryogel fixed

across the intima and media and varying the stiffness of the adventitia, hyperelastic

bi- or tri-layered synthetic grafts of variable mechanical stiffness can be constructed.

Qualitatively, PG–4 (where the same cryogel composition is used as both the media

and adventitia mimic) captured the behaviour of the bi-layered reduced polynomial
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arterial model, while PG–1, –2 and –3 resembled the tri-layered Ogden and polyno-

mial arterial models. Mimicking the additional stiffness provided by the adventitia

in the tri-layered models was achieved by choosing a cryogel composition where

σ(θ,adventitia) > σ(θ,media); this has been accomplished by increasing the Mw of PVA

and/or employing polymer coagulation to increase the crystalline domain of PVA.

Crucially, increasing the stiffness of the adventitia mimicking material influenced the

transmural distribution of stress and strain in the graft. σθ distribution was reduced

in the intima and increased in the adventitia. This behaviour matches that reported

by McClure et al., who used mathematical modelling to assess the layer-specific σθ

distribution of electrospun grafts [275]. They determined that an increase in medial

or adventitial stiffness (in their case, defined by E) would cause the stress distri-

bution in the respective layer to increase while simultaneously causing a downward

shift in the intima [275]. While this study has focused on PVA/gelatin grafts, the

importance of layer stiffness is translatable to other hyperelastic VMMs and should

be considered when designing any multi-layered graft.

Quantitatively, several differences are observed in the stress—strain behaviour

of the synthetic grafts and arterial tissue. Despite strain increasing linearly between

diastole and systole in both the artery and synthetic models, the coronary artery

exhibited significant strain stiffening at pressures below diastole. PVA/gelatin, how-

ever, did not; at systolic pressure, the ϵθ and ϵr of PVA/gelatin grafts reached up

to double that in native tissue. Furthermore, the relative error between graft and

artery was highly sensitive to the constitutive models used to describe them.

The compliance of all four synthetic grafts at physiological pressure was no-

tably higher than the compliance of each coronary artery model. Compliance values

are lacking in the majority of multi-layered artery graft literature, despite it be-

ing a critical parameter in determining graft success [150]. From the perspective
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of shear stress exerted at the blood—endothelium interface, mismatched wall com-

pliance changes the cross-sectional area of the vessel and thus flow through the

vessel, particularly at anastomoses. As compliance is inversely proportional to the

graft diameter [108], overly compliant grafts may generate abnormally low levels

of WSS that, once sensed by ECs, may activate signalling cascades (eg increased

production of inflammatory cytokines) that drive pathogenic, mechanically-induced

vascular remodelling. In addition, excessive circumferential stretch may also trigger

inflammatory cascades that, if maintained over a prolonged period of time, lead to

EC stiffening [124]. Given the impact that manufacturing parameters have on the

mechanical properties of PVA/gelatin cryogel, designing stiffer PVA/gelatin compo-

sitions with enhanced strain-stiffening behaviour could reduce the compliance and

better fit the requirements of synthetic coronary artery grafts.

4.4.3 Study Limitations and Next Steps

To increase the applicability of experimentally-informed FE models for the

computational optimisation of synthetic coronary artery grafts, there are certain

study limitations that should be addressed. Firstly, viscoelasticity and anisotropy

were not incorporated into any of the constitutive material models used. As the

frequency and stress relaxation responses of PVA/gelatin were not measured in

this study, viscoelastic effects were neglected. The quasi-static nature of this study

rendered this an applicable simplification. If future work seeks to investigate

dynamic loads, or the time-dependent stress response of artery and graft, viscoelas-

ticity would need to be represented in the constitutive material model.

Arteries display direction-dependent stress–stretch responses [288]. As longitu-

dinal motion was constrained in this study, isotropic hyperelastic coefficients fitted
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to circumferential stress–stretch data were applicable and hence sourced from the lit-

erature (Table 4.1). The casting method used to manufacture PVA/gelatin cryogels

produced isotropic samples. In future, anisotropy may be engineered into PVA/ge-

latin cryogels by introducing a freezing gradient during the initial freezing step [198,

343] or through cryogenic 3D printing [16].

The effects of residual stresses (longitudinal, radial and circumferential) were

not incorporated into the coronary artery models; that is, when free of external

load, the models were assumed to experience a zero-stress state. Residual stresses

affect the uniformity of transmural stress in arteries [344], and the magnitude of

σθ at the luminal surface has been shown to reduce significantly in their presence

[94]. Consequently, the disparity in σθ at the surface of PVA/gelatin grafts and

the coronary artery may be less significant than reported in this study. While

future efforts should be made to include the effects of residual stress and strain,

the qualitative trends reported here — the relative magnitudes of σθ and σr, the

discontinuity of σθ at the media-–adventitia interface and the off-loading of stress

from the intima to the adventitia — match those reported when residual stresses

are considered [94]. In addition, the perivascular pressure (exemplified here by

embedding the artery and graft in a fixed block of surrounding connective tissue)

will influence stress and strain distribution through the vessel wall. The properties

and boundary conditions associated with this surrounding tissue should thus be

explored further in future work.

To allow relative motion between the heterogeneous boundaries of the simulated

coronary artery wall and PVA/gelatin grafts, the interfacing surfaces of the mesh

were allocated hard penalty contact constraints and a friction coefficient. For this

quasi-static study of the transmural biomechanics of a laminated artery and graft,

this was an applicable assumption. However, it should be noted that further research
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involving dynamic loading conditions requires further research into how to most

accurately define the behaviour of these interfacing surfaces. There is negligible

literature defining this behaviour. The friction coefficient used between the layers of

the artery wall, for example, was taken from the literature [335]. The authors note

that a friction coefficient of 0.2 was assumed “for all contact pairs”, though they

do not explicitly identify which surfaces this applies to. The interactions between

two PVA surfaces are even less defined and will be influenced by the manufacturing

protocol. Crolla et al. demonstrated that 3D printed PVA cryogel fails at the

interfacing boundaries between the printed filaments when tested under tension [16],

which suggests that simply tying the surfaces together and constraining translational

and rotational motion is unsuitable for representing the contact behaviour. As the

model complexity is increased to incorporate the effects of wall viscoelasticity and

complex geometries, research into the interfacing behaviour must be undertaken.

4.5 Conclusion

The transmural biomechanics of multi-layered coronary artery grafts is a largely

unexplored area of cardiovascular research, despite the important role of wall stress

and strain distribution on vascular (dys)function. This chapter aimed to apply the

hyperelastic constitutive parameters fitted PVA/gelatin cryogel in Chapter 3 and

develop experimentally-informed FE models to evaluate the quasi-static responses

of four multi-layered PVA/gelatin graft designs relative to the coronary artery wall.

This chapter presented a new cardiovascular tissue engineering approach for design-

ing multi-layered hydrogel grafts that synergised experimental data with computa-

tional simulations to enhance understanding of the transmural biomechanics, and

their potential impact on EC behaviour, under physiological loading. Importantly,
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the proposed method is applicable to the development of other hyperelastic VMMs

for cardiovascular tissue engineering. The following conclusions are drawn:

• Despite being fit to the same experimental test data, the coronary artery wall

displayed bi-layered biomechanical behaviour when modelled using the reduced

polynomial model and tri-layered biomechanical behaviour when modelled

using the polynomial and Ogden models. The results highlight the impact

of hyperelastic model choice in replicating arterial mechanical behaviour, a

finding that has significance across the wider field of cardiovascular FEA;

• Bi- and tri-layered PVA/gelatin grafts were obtained by varying the stiffness

of the adventitia mimic relative to the stiffness of the media mimic; increasing

the adventitial stiffness reduced the maximal stresses observed at the luminal

surface of the graft and decreased graft compliance;

• For both PVA/gelatin and coronary artery models, stress and strain distribu-

tions were heavily influenced by the constitutive model used to capture the

hyperelastic response of the material;

• While the qualitative trends of stress and strain distribution of PVA/gelatin

grafts matched those observed in the coronary artery, hyperelastic model-

specific quantitative differences were observed both at the luminal surface and

within each tissue layer.
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Chapter Five

HETEROGENEOUS DESIGN OF

FUNCTIONALLY GRADED

CORONARY ARTERY GRAFTS

5.1 Introduction

Arteries, among other biological tissues, achieve multi-functional combinations of

strength, stiffness and toughness through a combination of material and geometric

heterogeneity [345]. The FEA results presented in Chapter 4 demonstrated the abil-

ity to tailor the stiffness gradient of PVA/gelatin coronary artery grafts by varying

the radial cryogel composition of the intima, media and adventitia. This chapter

aims to build upon these results by investigating the impact of geometric hetero-

geneity – specifically, the interface geometry between layers – on the biomechanical

properties of PVA/gelatin grafts.

For decades, engineers have used bioinspired design principles to manufacture

synthetic materials with advanced mechanical properties [346]. Nature uses struc-
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tural and hierarchical design elements to meet the strength, toughness and flexibility

requirements of a given organ or tissue [345, 346]. Of these design elements, the

interfaces between regions of opposing properties play a vital role in determining

the mechanical performance of a tissue in its biomechanical environment. For

instance, the compliant interface between dentin and enamel in teeth improves

the fracture toughness of the otherwise brittle enamel; in the skull, interdigitated

suture lines provide both flexibility for growth and strength [347, 348].

In arteries, the interfaces between the three tissue layers are separated by elastic

laminae. Not only are the internal (intima–media) and external (media–adventitia)

elastic laminae approximately triple the stiffness of the media in healthy coronary

arteries [349], but these undulating sheets straighten as they bear load under intralu-

minal pressure, helping to evenly distribute transmural stresses (Figure 5.1A) [350,

351]. Moreover, the ’waviness’ of the elastic lamellae is amplified toward the inner

surface of the wall to compensate for increased circumferential stretch at the intima

(Figure 5.1B [351]). Thus, many biological tissues use variations in structure and

composition to introduce gradated properties along at least one direction throughout

their volume. This concept, known as functional grading, can be applied to bioma-

terials to create tissue implants with versatile mechanical and physical properties

[233].

The majority of FGBMs are designed for orthopaedic [352, 353] and orthodon-

tic [354] applications. As such, many FGBMs are comprised of thermoplastics,

ceramics or metals [352]; comparatively fewer soft FGBMs are reported in the liter-

ature, despite the need to replicate the multi-layered structures of soft tissues such

as arteries [150]. Mismatching mechanical properties between both hard and soft

implants and their host environments result in stress patterns known to contribute

to graft failure. Femoral prostheses stiffer than bone fail due to stress shielding
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[355]; arterial grafts stiffer than their respective artery (such as Dacron grafts) fail

due to intimal hyperplasia induced by compliance mismatch and subsequent turbu-

lent flow [8]. In both cases, interfacing FGBMs could be utilised to alter the stress

pattern at the prosthesis–tissue interface or anastamoses, reducing or redistributing

stress concentrations when placed under external load [352, 356]. Furthermore, the

concept of gradating graft stiffness to generate mechanical stimuli related to tissue

remodelling has been applied to orthopaedic plates [357–359]. A similar approach

should be investigated for arterial grafts, where EC migration is directed by local

rigidity gradients in substrate stiffness [360].

Layered grafts, such as those developed in Chapter 4 of this thesis, are

examples of discontinuous FGBMs. The discrete interfaces between each layer

create stepwise changes in composition and thus mechanical properties [233]. By

contrast, continuous FGBMs use gradual transitions between dissimilar materials

to reduce moduli mismatch between interfacing materials [356, 361]. This thesis

has provided ample justification for the development of multi-layered PVA/gelatin

coronary artery grafts: in addition to literature-documented capacity for endothe-

lialisation [12, 13], the ability to match the mechanical properties of PVA/gelatin

to the intima, media and adventitia through simple adjustments in manufacturing

and compositional parameters renders it a versatile VMM for mimicking the hetero-

geneity of the artery wall. Intriguingly, these parameters can also be manipulated to

create heterogeneous cryogel constructs with continuous functional grading. Wahab

et al. created synthetic glenoid labrum implants by casting high- and low-stiffness

PVA into a two-chamber mould [362]. By removing the divider between both cham-

bers and allowing diffusion between both solutions, they obtained a continuous

FGBM with a stiffness gradient of 0.1–0.4 MPa that was capable of reducing the

stress at the glenohumeral joint by ≈50% [362]. Alternatively, gradual directional
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freezing methods have been used to manufacture PVA cylinders with longitudinal

stiffness gradients between 1–200 kPa [363, 364].

Ultimately, these methods lack control over the resulting gradient. Controlling

the diffusion between interfacing solutions to create consistent gradients between

batches is inherently difficult; equally, the geometric complexity between interfacing

regions of cast cryogels is limited. The design flexibility afforded by technologies

such as AM gives engineers the ability to manufacture FGBMs with biomimetic,

interlocking interfaces (sutures) on the mesoscale [365–369]. While discontinuous in

nature, the suture geometry can be designed to yield a homogeneous stress field and

impart optimised load transmission, energy absorption and fatigue behaviour [370].

Sub-zero AM has been used to manufacture PVA-based cryogels with biomimetic

gradients through control of the infill density [271] and print toolpath [371]. Though

both studies aimed to replicate the gradient structure of cartilage, analogous meth-

ods could be used to fabricate cryogel structures that mimic the elastic lamellae of

arteries. As such, sub-zero AM has the potential to print PVA/gelatin soft tissue

mimics with complex interfaces and stress patterns. Yet, there is little information

on the impact of interface design on the resulting stress patterns of soft VMMs –

especially in the realm of cardiovascular tissue engineering.

5.1.1 Aims and Objectives

This chapter aims to extend the stress analyses of the laminated coronary artery

grafts from Chapter 4 to develop graft designs with increased geometric complex-

ity. Drawing bioinspiration from the macroscale waviness of the elastic lamellae

(Figure 5.1) and the microscale crimped waveform of collagen fibres, the impact of

a sinusoidal interface on the transmural biomechanics of PVA/gelatin grafts will be
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assessed parametrically using FEA. The following objectives were set:

• Develop a Python script that enables full control of a sinusoidal interface

geometry in Abaqus;

• Establish an appropriate method for modelling the contact between complex

(A)

(B)

Figure 5.1: Micromechanics of elastic lamellae. (A) Transverse cross-sectional
images of mouse carotid artery elastic lamellae when loaded up to systolic pressure
and (B) Schematic of three elastic lamellae layers in the arterial wall. Both figures
reprinted from [351] with permission from The Royal Society (UK).
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interfaces, and assess the impact of contact formulation on transmural stress

distribution;

• Assess the impact of sinusoidal parameters (radius, amplitude and frequency)

on the transmural stress distribution of PVA/gelatin grafts under physiological

pressure;

• Assess the impact of sinusoidal parameters (radius, amplitude and frequency)

on the compliance behaviour of PVA/gelatin grafts under physiological

pressure.

It is intended that the findings from this chapter will complement the future

development PVA-based grafts using sub-zero AM. Furthermore, while PVA/gelatin

has been chosen as the model VMM throughout this thesis, it is anticipated that the

approach to interface design presented in this study will translate more widely to

the design of biomimetic coronary artery grafts with functionally graded mechanical

properties derived from interdigitated interfaces.

5.2 Method

5.2.1 Overview

The impact of a bioinspired sinusoidal waveform interface on the biomechanics of

PVA/gelatin grafts was investigated using 2D FEA. All models were constructed in

Abaqus/CAE 2021 using quasi-static implicit analyses.

The workflow of this chapter is provided in Figure 5.2. In the first instance, the

boundaries between interfacing layers of interdigitated and laminated grafts were
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assessed according to three contact formulations, as described in Section 5.2.2.2.

These data were then used to inform the interfacing boundary conditions in the

main study of this chapter: the evaluation of the impact of the sinusoidal interface

parameters, as detailed in Section 5.2.2.1.

1. Assess surface 

contact formulation

Interdigitated models

𝜇𝐹 = 0.04 𝜇𝐹 = ∞
Tied 

surfaces

Laminated models

𝜇𝐹 = 0.04 𝜇𝐹 = ∞
Tied 

surfaces

2. Assess impact of 𝒓, 𝑨 and 

𝝎 on graft biomechanics

Varying 𝑨
IM:adventitia = 1:1 / 𝜔 = 10

Varying 𝝎
IM:adventitia = 1:1 / 𝐴 = 0.10 mm

Varying 𝒓
𝐴 = 0 mm / 𝜔 = 0

3. Assess combined impact 

of 𝒓 and 𝑨 on compliance

Increasing 𝑨 (0.05 → 0.25 mm)

Figure 5.2: Workflow of Chapter 5.
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5.2.2 FE Model

5.2.2.1 Geometry

Figure 5.3: Example of a sinusoidally-interdigitated graft model and its mesh.

Bilayered, interdigitated PVA/gelatin grafts were generated in Abaqus/CAE

2021 using a custom Python script. A bilayered model was chosen to reduce the

complexity of the graft and allow investigation of the biomechanics of a single inter-

digitated interface. The innermost layer was representative of a combined intima–

media (IM) layer and the outermost layer was representative of the adventitia in

line with bilayered coronary artery models from the literature [323, 324].

The full script is given in Appendix C.1. The following parametric equations

were used to create a sinusoidal wave following a circular path of radius r (Figure

5.3):

x = (r + Asin(ωθ)cos(θ)) + c

y = (r + Asin(ωθ)sin(θ)) + c

(5.1)
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where cx and cy are the central x and y coordinates of the circle, and A and ω are

the amplitude and frequency of the sine wave, respectively. The interface geometry

was therefore characterised by three independent variables: A, ω (per 360◦ graft)

and r. The total wall thickness of the grafts were set to 0.87 mm to mirror the total

thickness of the coronary artery wall, as per Chapter 4 [288]. The impact of r on

the compliance and σθ distribution of the graft was analysed by setting A and ω

to zero and varying the relative thickness of the IM:adventitia (1:2, 1:1 and 2:1).

The impact of A on the compliance and σθ distribution of the graft was individually

assessed by keeping ω and r fixed; similarly, the impact of ω was tested by keeping

A and r fixed (Table 5.1). In both cases, r was set such that the relative thickness

of the IM:adventitia was 1:1 (r = 1.815 mm).

Table 5.1: Design matrix of sine wave parameters for amplitude and frequency
studies. The blue row represents the variation of ω at a fixed A of 0.10 mm; the red
column represents the variation in A at a fixed ω of 10; the purple cell represents
overlap between the two studies. In all cases, r was fixed to 1.815 mm.

A (mm)

ω/360◦

6 10 20 30

0.05 *

0.10 * * * *

0.15 *

0.20 *

0.25 *

5.2.2.2 Boundary Conditions

Chapter 4 addressed the limitations associated with modelling the contact

behaviour between PVA/gelatin layers. In that study, static friction coefficients
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were used to prevent unconstrained sliding between interfacing hydrogel layers. This

was an applicable assumption due to the laminated nature of each of the three graft

layers. However, it was hypothesised that using estimated friction coefficients may

introduce unrealistic stress concentrations when modelling interdigitated interfaces

due to tangential sliding. To establish the most appropriate method for modelling

contact between complex interfaces, the following contact formulations σθ were com-

pared:

• A µF of 0.04, as per Pan et al. [306] and Chapter 4;

• Rough friction, where µF = ∞ and relative sliding between two interfaces was

prohibited;

• Tied surfaces, such that the interfaces are fused together and the graft acted

as one body.

The impact of the three contact formulations were first compared using a

non-interdigitated model (A = 0 mm, ω = 0 and r = 1.815 mm). The three contact

formulations were then compared using an interdigitated model with a sinusoidal

interface of A = 0.15 mm, ω = 10 and r = 1.815 mm. To distinguish between stress

patterns relating to the interface and stress patterns relating to the choice of cryogel

composition, each contact formulation was tested on a model where the material

properties of the IM and adventitia were the same (P9G1-A-C) and a model where

the IM (P9G1-A-C) was stiffer than the adventitia (P9G1-B-NC).

5.2.2.3 Mesh

All grafts were partitioned into quarters and discretised using quadrilateral plane

stress (CPS4R) elements (Figure 5.3). Both graft layers contained 7200 elements and
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had ten layers of elements through the radial thickness. Thanks to the structured

mesh, transmural nodal analysis paths were taken as a function of the phase, ϕ,

of the sine wave. For example, consider a graft whose interface has a sinusoidal

frequency of 10. If the circumference of the graft is seeded with 360 elements, then

each period of the sine wave will comprise 36 elements, and the circumferential edge

length of each element will correspond to a phase shift of 10◦. This is displayed

visually in Figure 5.4. In cases where the stress analyses of two or more models were

compared and their interfaces were out of phase (such as when varying interface ω,

as illustrated in Figure 5.5), transmural analyses were also conducted with respect

to arc length or arc angle.

In addition to transmural stress analysis through the radial thickness of the

wall, the variation in σθ along the interface was calculated using the nodal path

highlighted in Figure 5.6. To account for in phase and out of phase interfaces (as

determined by variation of A and ω), σθ was plotted as a function of ϕ and/or graft

arc angle.

5.2.2.4 Material Properties

To ensure the largest difference in mechanical properties between the two layers,

the first order Ogden coefficients and densities of the stiffest and most compliant

PVA/gelatin compositions, P9G1-A-C and P9G1-B-NC, were taken from Chapter

3 and are listed in Table 5.2. The IM layer was set to the stiffer composition of

PVA/gelatin and the adventitia was set to the more compliant composition. The

surrounding soft tissue was modelled as a Hookean linearly elastic material, as per

Chapter 4 and Table 5.2, using an average value of density for soft tissue taken from

the literature [336].
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Table 5.2: Material parameters used in all Chapter 5 experiments (mean ± SD).
ν = Poisson’s ratio.

MATERIAL PROPERTIES

P9G1-A-C P9G1-B-NC Surrounding Tissue

µ1 (MPa) 0.0444 ± 0.0060 0.0227 ± 0.0025 -

α1 7.116 ± 0.528 7.311 ± 0.581 -

E (MPa) - - 0.05 [336]

ν - - 0.49 [336]

ρ (kg m−3) 1080 ± 36 1120 ± 38 1040 [336]

5.2.3 Compliance Analysis

As all graft models in this study were modelled in 2D, graft compliance was

calculated as the cross-sectional compliance (CC = ∆A
∆P

, units: mm2/mmHg). CC

may be used in clinical practice if axial vessel movement due to pulse pressure is

assumed to be negligible compared with the change in vessel diameter [372, 373].

Understanding the impact of interdigitation on the CC of the graft was therefore

determined to be a key measure of graft performance.

The presence of the interdigitated wave yielded non-uniform radial deformation

around the lumen. Thus, the lumen diameter – and therefore ∆A – was dependent

on where it was measured around the luminal surface. More specifically, the diameter

varied as a function of the ϕ of the wave; this is exemplified in Figure C.2. Even-

numbered frequencies (ω = 6, 10, 20 or 30 per 360◦ graft) were chosen to ensure that

the phases of the wave on opposite sides of the graft were equivalent, as depicted in

Figure 5.7. This symmetry ensured that, for any given diameter, the graft expanded

equally on both sides of the central coordinates of the model. For any given model,
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(A)

(B)

(C)

Figure 5.4: Examples of nodal analysis paths (red dotted lines) taken at ϕ = (A)
0◦, (B) 90◦ and (C) 270◦. In the left panel, grey dotted vertical lines represent a
circumferential mesh density of 36 elements/wave.
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𝜃 𝜃

𝜃 𝜃

Figure 5.5: Interfaces comprised of different ω were out of phase. Arc lengths are
shown in orange and and arc angles are shown in blue.

Figure 5.6: Node path corresponding to stress analyses along the interface. The
stress at the nodes in red were plotted either as a function of ϕ or as a function of
graft arc angle.

the CC was calculated as a function of ϕ; these CC values were then summed to

give the mean CC (CC) of the graft.

For the purpose of comparing the impact of interface parameters on graft

compliance, CC is presented as the absolute compliance between diastole and
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systole (mm2/mmHg). However, to allow additional comparison of PVA/gelatin

graft compliance with the compliance of coronary arteries (as reported in the litera-

ture), the compliance was also normalised to the graft diameter at diastolic pressure

(CC = (Dsys−Ddia/Ddia)

∆P
× 104, units: %/100 mmHg) [157].

Figure 5.7: The lumen diameter was assessed as a function of ϕ to calculate CC.

5.2.4 Analysis of the Variation of Lumen Radii

In addition to non-uniform CC, the presence of non-uniform radial deformation

around the lumen with pressure introduced a luminal surface wave. Plotting rlumen

as a function of ϕ, graft arc angle or graft arc length at a specified pressure al-

lowed indirect mapping of the lumen surface profile. Due to the sinusoidal interface

geometry, the surface height profile of the lumen was calculated by subtracting the

minimum rlumen value from the maximum rlumen value (the ’peak-to-trough’ height
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Figure 5.8: rlumen was used to map the surface profile of the lumen; the blue arrow
represents the peak-to-trough height profile of the lumen surface. Note that arc
angle or arc length can be used in place of ϕ to map the luminal surface profile.

profile, Figure 5.8).

5.2.5 Discretisation Analysis

It was hypothesised that a variation of sine wave parameters would impact the mag-

nitude of CC by changing the spatial composition of the IM and adventitia through

the graft and hence graft distensibility. Therefore, to investigate the impact of sine

wave parameters on the spatial composition of the IM and adventitia, sectors of each

graft were reconstructed in Fusion 360, as demonstrated in Figure 5.9. The two radii

of the sector were chosen such that the sector contained one complete wave period:

r1 = ϕ = 0◦; and r2 = ϕ = 360◦. The cartesian coordinates of the nodes corre-

sponding to the outer boundaries of each sector were extracted from their respective

Abaqus model and imported into Fusion 360 using the latter’s ImportSplineCSV

script.
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10

9

8

7

6

5

4

3

2

1

𝜙=360°

Figure 5.9: Example reconstruction of a graft sector in Fusion 360, shown for an
interdigitated graft where A = 0.25 mm, ω = 10 and r = 1.815 mm. Circumferential
segments are numbered from 1–10.

The circumferential variation in IM and adventitial layers was measured through

circumferential discretisation of each sector into 10 segments of equal depth (Figure

5.9). For each segment, the areas of the IM and adventitia were measured in Fusion

360 and converted into IM:adventitia ratios using Equation 5.2.

IM : adventitia =
[Area of IM ]

[Area of segment]
:
[Area of adventitia]

[Area of segment]
(5.2)

5.2.6 Data Analysis

The changes in CC as a function of A and ω were analysed in SigmaPlot 14.5 using

one-way ANOVA. Note that, as only one diameter (and therefore CC) was obtained

for each of the laminated models, statistical significance could not be obtained as a

function of r.
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5.3 Results

5.3.1 Overview

The results from this chapter are presented according to the order depicted in the

study overview displayed in Figure 5.2. To help guide the reader through this section,

the results have been structured as follows:

• Modelling the contact between interdigitated interfaces (Section 5.3.2);

• Evaluation of the impact of interface parameter r on graft biomechanics

(Section 5.3.3);

• Evaluation of the impact of interface parameter A on graft biomechanics

(Section 5.3.4);

• Evaluation of the impact of interface parameter ω on graft biomechanics

(Section 5.3.5);

• Evaluation of the combined impact of interface parameters r and A on graft

compliance (Section 5.3.6).

Due to the number of models developed in this study, some data are presented

in Appendix C to prevent repetition.

5.3.2 Modelling the Contact Between Interdigitated Surfaces

Figure 5.10 shows the impact of contact formulation on the transmural

σθ distribution of bi-layered non-interdigitated grafts (A = 0 and ω = 0). No
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IM = adventitia IM > adventitia 𝜎𝜃 (MPa)

IM = adventitia IM > adventitia

Figure 5.10: Comparison of friction, rough friction and tied contact formulations
on a bi-layered non-interdigitated graft, where the IM and adventitia were modelled
using the same PVA/gelatin composition (IM = adventitia; P9G1-A-C) and different
PVA/gelatin compositions (IM > adventitia; IM = P9G1-A-C; adventitia = P9G1-
B-NC).

difference in σθ distribution was observed between friction, rough friction and tied

contact models; the resulting stress pattern was independent of contact

formulation and was instead determined by the overall dimensions of the graft

and the material properties of each layer, with heterogeneous material properties

amplifying the discontinuity at the interface.
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Different σθ distributions were observed between contact formulations for the

interdigitated model. These differences were observed irrespective of the relative

material properties of the IM and adventitia (Figures 5.11 and 5.12). For all contact

formulations, σθ concentrations were observed in both the IM and adventitia at

the peaks (ϕ = 90◦) and troughs (ϕ = 270◦) of the interdigitated wave. Using the

rough friction coefficient and tying the two surfaces together yielded equivalent σθ

distribution patterns. However, the magnitude of the stress concentrations were

amplified in the friction coefficient model. For example, when the IM and adventitia

layers were modelled using the same PVA/gelatin composition (P9G1-A-C), the σθ

at the interface at ϕ = 270◦ was 0.030 MPa in the rough friction and tied surface

models (Figure 5.11). However, at the same location, σθ increased to 0.094 MPa

in the friction coefficient model. A similar trend was observed when the IM and

adventitia were modelled with different PVA/gelatin compositions. When the IM

was stiffer than the adventitia (to mimic the relative stiffnesses of the native layers,

as per Chapter 4), σθ increased from 0.056 MPa in the rough friction model and

0.055 MPa in the tied surface model to 0.188 MPa in the friction model (Figure

5.12).

The amplified stress concentrations observed at the interface of the friction

model were accompanied by increased σθ discontinuities across the IM–adventitia

interface. Using ϕ = 270◦ as the example once more, when the IM and adventi-

tia were modelled using the same PVA/gelatin composition, σθ decreased across

the interface by 0.003 MPa and 0.002 MPa in the rough friction and tied models,

respectively (Figure 5.11). In the friction model, σθ decreased by 0.103 MPa.

Similarly, when the IM was stiffer than the adventitia, σθ decreased across the

IM–adventitia interface by 0.030 MPa, 0.028 MPa and 0.195 MPa in the rough

friction, tied surface and friction models, respectively (Figure 5.12).
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Analysis of the tangential displacement (xθ) of the IM and adventitia showed

the relative movement of the interface under the applied pressure load (Figure 5.13).

In the rough friction and tied surface models, tangential slip was constrained. At all

phases, the xθ of the IM and adventitia layers occurred in parallel directions (Figure

5.13A). The direction of xθ between ϕ = 90–270◦ and ϕ = 270–90◦ indicate stretching

of the interface under loading. These displacements corresponded to regions of high

tensile stress in the graft: in the IM layer, for instance, tensile stress concentrations

were observed at the troughs (ϕ = 270◦) of the wave (Figure 5.13B). Simultaneously,

tensile stress concentrations were observed in the peaks of the adventitia (ϕ = 90◦).

Meanwhile, tangential slip in the 0.04 friction coefficient model caused the IM

and adventitia to slip against one another. This was evidenced by the opposing

displacement direction (xθ) of the IM and adventitia at the interface (Figure 5.13C).

While high tensile stress (stretching) was still observed at the troughs of the IM layer,

compressive stress concentrations were introduced in the peaks of the adventitia

(Figure 5.13D). The absolute magnitude of xθ for the friction coefficient model was

also greater (0.038 mm) compared with the rough friction (0.011 mm) and tied

(0.010 mm) models (Figures 5.13C and C.3).

While the σθ and xθ outputs from the rough friction and tied surface models

were comparable, the rough friction model allowed analysis of the contact pres-

sure at the interface (Figure C.4). This output variable was not available with the

tied surface model. Due to the increased capacity to observe stress distribution at

the interface of the rough friction model, rough friction was chosen as the contact

formulation for all further analyses in this study; for a more detailed justification,

the reader is directed to Section 5.4.1.
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(A)

𝑥𝜃 (mm)

(B)

𝜎𝜃 (MPa)𝜎𝜃 (MPa)

(C)

𝑥𝜃 (mm)

(D)

𝜎𝜃 (MPa)𝜎𝜃 (MPa)

Figure 5.13: (A) xθ and (B) σθ of the rough friction coefficient model; (C) xθ and
(D) σθ of the 0.04 friction coefficient model (IM = P9G1-A-C, adventitia = P9G1-B-
NC). In the xθ plots, red and blue signify clockwise and anticlockwise displacement,
respectively. In the σθ plots, tensile stress concentrations are highlighted by black
dotted circles and compressive stress concentrations are highlighted by white dotted
circles. Data for the tied model are displayed in Figure C.3.
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5.3.3 Impact of Interface Radius on Graft Biomechanics

5.3.3.1 Varying Interface Radius: Stress Distribution

0.0 0.2 0.4 0.6 0.8
Thickness through wall (mm)

0.00

0.01

0.02

0.03

0.04

0.05

0.06

0.07

0.08

 (M
Pa

)

IM:adventitia ratio
1:2 1:1 2:1

Figure 5.14: σθ distribution at systolic pressure at an IM:adventitia ratio of 1:2,
1:1 and 2:1. Dashed lines show the interface boundary (r).

A and ω were set to 0 to investigate the impact of r in isolation. This

produced a laminated, non-interdigitated graft, as shown in Figure 5.2. For all

models, the maximum σθ was observed at the luminal surface (Figure 5.14). A

stepwise decrease in σθ was observed at the IM–adventitia interface, reflecting the

discontinuous nature of the boundary. Increasing the relative volume of the stiffer

IM layer increased the distance between the interface and the applied pressure. This

influenced the σθ distribution in two ways. Firstly, the maximum σθ observed at
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the lumen decreased: σθ = 0.074 MPa and 0.055 MPa at IM:adventitia ratios of 1:2

and 2:1, respectively. Secondly, the magnitude of σθ reduction at the IM–adventitia

interface also decreased: at the same IM:adventitia ratios, σθ decreased across the

interface by 0.026 MPa and 0.014 MPa.

5.3.3.2 Varying Interface Radius: Compliance

1:2 1:1 2:1
IM:adventitia ratio

0.035

0.036

0.037

0.038

0.039

0.040

0.041

CC
 (m

m
2 /m

m
Hg

)

Figure 5.15: The impact of varying the IM:adventitia ratio on the CC of the graft.

Increasing the IM:adventitia ratio decreased the CC of the graft (Figure 5.15).

Overall graft stiffness increased with increasing volume of the stiffer IM layer; when

IM:adventitia = 2:1, CC = 0.0356 mm2/mmHg. Similarly, the reverse effect was

achieved by reducing the volume of the IM; when IM:adventitia = 1:2, CC =

0.0404 mm2/mmHg.
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5.3.4 Impact of Interface Amplitude on Graft Biomechanics

5.3.4.1 Varying Interface Amplitude: Stress Distribution

For all phases, the magnitude of σθ at the luminal surface increased with increasing A

(Figures 5.16 and 5.17). Of the three phases presented in Figure 5.17, the difference

in luminal σθ between the smallest (A = 0.05 mm) and largest (A = 0.25 mm)

amplitudes ranged from 0.0017 MPa (ϕ = 270◦) to 0.0048 MPa (ϕ = 0◦).

When A ≤ 0.15 mm, the maximum σθ of each model was highest at the luminal

surface across all phases and was followed by a marked decrease at the interface

(Figure 5.17). The extent of this decrease correlated with increasing A (Figure 5.17).

At ϕ = 0◦ and ϕ = 90◦, the magnitude of σθ reduction at the interface decreased

with increasing A, indicating a smoother transition in transmural stress across the

interface at these phases when A was increased. For example, at systolic pressure,

when A = 0.05 mm, the σθ at the interface decreased by 0.015 MPa at ϕ = 0◦ and

0.014 MPa at ϕ = 90◦. When A = 0.25 mm, σθ decreased by 0.00006 MPa and

0.007 MPa, respectively. However, at ϕ = 270◦, the magnitude of σθ reduction at

the interface increased with increasing amplitude. The distance between the lumen

and the troughs of the wave decreased with increasing A; the IM was placed under

higher tension in this region, as demonstrated by the increased stress concentration

measured at this phase.

For all models, the highest and lowest interface contact pressures were observed

at ϕ = 270◦ and 0◦/180◦, respectively (Figure 5.18).
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𝜎𝜃 (MPa)

Figure 5.16: σθ distribution at A = 0.05 mm (left) and A = 0.25 mm (right) at
systolic pressure.
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Figure 5.19: σθ along the interface as a function of ϕ at systolic pressure. Dashed
lines show the locations of minimum and maximum σθ.

The variation in σθ along the interface as a function of ϕ is shown in Figure

5.19. σθ was lowest at the peak of the interface wave (ϕ = 90◦), where the interface

was furthest away from the applied pressure load. On the other hand, σθ was highest

where the interface was closest to the pressure load (ϕ = 270◦). The σθ distribution

along the interface became more non-uniform with increasing A (Figure 5.19). For

instance, the difference in σθ at the peak and trough of each wave period increased

from 0.016 MPa at A = 0.05 mm to 0.060 MPa at A = 0.25 mm. The relative

decrease and increase in σθ at ϕ = 90◦ and ϕ = 270◦ respectively suggests that, as

A was increased, the load was shifted from the peaks to the troughs of each wave.
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5.3.4.2 Varying Interface Amplitude: Compliance
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Figure 5.20: The impact of varying A on the CC (± SD) of PVA/gelatin grafts.

Increasing the amplitude of the sine wave increased the CC of the graft (Figure

5.20). When A = 0 mm, CC = 0.0376 mm2/mmHg. When A = 0.25 mm (the largest

amplitude tested in this study), CC = 0.0386 ± 0.0002 mm2/mmHg. The increase

in CC observed between consecutive amplitudes (between A0.05→A0.10, A0.10→A0.15,

etc) was statistically significant (P < 0.001).

To investigate the relationship between the spatial composition of the IM and

adventitia as a function of A and the magnitude of CC, sectors corresponding to

one complete period of the interdigitated wave were discretised into ten circumfer-

ential segments, as detailed in Section 5.2.5. As A was increased, the total area

of the IM increased slightly (and, subsequently, the total area of the adventitia de-

creased slightly) due to the curvature of the graft (Table C.1). By increasing A,
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circumferential segments closer to the lumen contained more of the compliant outer

adventitial layer compared with grafts of lower A (Table 5.4). The reverse trend

was observed for the circumferential segments furthest away from the lumen; these

segments contained more of the stiff inner IM layer compared with grafts of lower

A.

Increasing the amplitude of the wave also increased the SD of the CC of the

graft (Figure 5.20). As A increased, the radial deformation around the lumen became

more non-uniform as a function of ϕ. This was reflected in the larger range of lumen

radii (rlumen) observed at larger amplitudes (Figure 5.21A). There was a correlation

between rlumen (and subsequently CC) and the depth of the interface at each ϕ

(Figure 5.21B). rlumen was smallest at phases containing more of the inner IM layer,

where the interface was furthest away from the lumen (ϕ = 90◦). Conversely, rlumen

was largest at phases containing more of the outer AM layer, where the interface

was closest to the lumen (ϕ = 270◦).

Consequently, the presence of a sinusoidal interface – and therefore non-uniform

radial deformation – induced a surface wave on the lumen of the graft. In lieu of

surface roughness calculations, rlumen was used to indirectly measure the height

profile at the lumen surface. The peak-to-trough height profile increased with

increasing A, ranging from 2.12 µm when A = 0.05 mm at systolic pressure to

11.29 µm when A = 0.25 mm at the same pressure (Table 5.3).

Table 5.3: Peak-to-trough height profiles at the lumen surface as a function of A
at systolic pressure.

A = 0.05 mm A = 0.10 mm A = 0.15 mm A = 0.20 mm A = 0.25 mm

Peak-to-trough 2.12 4.15 6.24 8.56 11.29

height profile (µm)
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Figure 5.21: The impact of varying A on the (A) rlumen at systolic pressure and
(B) interface depth of PVA/gelatin grafts. Both (A) and (B) are presented as a
function of ϕ.
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5.3.5 Impact of Interface Frequency on Graft Biomechanics

5.3.5.1 Varying Interface Frequency: Stress Distribution

𝜎𝜃 (MPa)

𝝎 = 6 𝝎 = 10

𝝎 = 20 𝝎 = 30

Figure 5.22: σθ distribution at systolic pressure when ω = 6, 10, 20 and 30.

The maximum σθ of each model was highest at the luminal surface across all

phases, irrespective of ω (Figures 5.22 and 5.23). However, the magnitude of σθ at

the luminal surface with increasing ω was dependent on ϕ (Figure 5.23). For in-

stance, at ϕ = 0◦, the largest difference in luminal σθ was observed between the lowest

(ω = 6) and highest (ω = 30) frequencies (0.0005 MPa). At ϕ = 270◦, the largest

difference was observed between ω = 10 and ω = 30 (0.0016 MPa).

At all values of ϕ, σθ decreased across the IM–adventitia interface; increasing

ω resulted in a smoother transition across the interface (Figure 5.22).
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Contact 

Pressure (MPa)

𝜔 = 6 𝜔 = 10

𝜔 = 20 𝜔 = 20

Figure 5.24: Contact pressures observed at the interface of all amplitude models
at systolic pressure.

Table 5.5: Magnitude of the decrease in σθ across the IM–adventitia interface at
the extremes of ϕ (0◦, 90◦ and 270◦) and ω (6 and 30) at systolic pressure.

DECREASE IN σθ ACROSS THE IM–ADVENTITIA INTERFACE

ω 0◦ 90◦ 270◦

6 0.0135 MPa 0.0127 MPa 0.0260 MPa

30 0.0014 MPa 0.0062 MPa 0.0225 MPa

Table 5.5 reports the decrease in σθ across the IM–adventitia interface at systolic

pressure for the extremes of ϕ (0◦, 90◦ and 270◦) and ω (6 and 30).

When ω = 6 and 10, the highest and lowest interface contact pressures were

observed at ϕ = 270◦ and 0◦, respectively (Figure 5.24). However, when ω = 20 and
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30, the highest contact pressure was shifted to ϕ = 90◦.

(A)

(B)

0 10 20 30 40 50 60
Graft arc angle ( )
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Figure 5.25: σθ along the interface at systolic pressure as a function of (A) ϕ of
the interface and (B) graft arc angle. Dotted and dashed lines in (B) show arc
angles corresponding to ϕ = 90◦ and ϕ = 270◦, respectively.
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Figure 5.25A shows the variation in σθ along the interface as a function of ϕ

for each frequency tested. As per the amplitude results presented in Section 5.3.4.1,

σθ was lowest at ϕ = 90◦ and highest at ϕ = 270◦, reflecting the increased tension

observed at the trough of the interface. The difference in σθ between the peak

and trough of each wave increased from 0.024 MPa at ω = 6 to 0.032 MPa at

ω = 30.

The circumferential properties of the interface, or the length of the interface

around the graft circumference (as determined by the distance covered by one

complete wavelength of the interface), varied with ω. Each interface was out of

phase with each other; higher frequency interfaces had shorter wavelengths and

thus corresponded to shorter arc lengths around the luminal circumference of the

graft, as demonstrated graphically in Figure 5.5. As the arc length was restricted to

the absolute dimensions of the graft investigated in this study, Figure 5.25B instead

shows the variation in σθ along the interface at systolic pressure as a function of

graft arc angle.

The interface resisted the intraluminal pressure load along its length. The im-

pact of ω on this phenomenon was two-fold. First, at high ω, the load acting on

one complete wavelength was distributed over a shorter length of interface com-

pared with low ω. Second, the peaks and troughs of the wave became steeper with

increasing ω. Figure 5.25B suggests that the latter increased the stress concentra-

tion experienced at the troughs of high ω interfaces. Together, these phenomena

may explain the increased difference between the minimum and maximum σθ values

along the interface at higher frequencies, as evidenced by the increased difference in

σθ at the peaks and troughs of each wave.
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5.3.5.2 Varying Interface Frequency: Compliance

**

*

Figure 5.26: The impact of varying ω on the CC (± SD) of PVA/gelatin grafts.
*P<0.05; **P<0.01

Increasing the frequency of the sine wave increased the CC of the graft (Figure

5.26). When ω = 6, CC = 0.0378 ± 0.0002 mm2/mmHg. When ω = 30, CC =

0.0379 ± 9.8×10−6 mm2/mmHg. While the magnitude of CC increased with ω,

statistical significance was only observed between ω = 6 and ω = 20 (P=0.027) and

ω = 6 and ω = 30 (P=0.004).

The radial deformation became more uniform with increasing ω, as evidenced

by the decrease in CC SD with ω (Figure 5.26). This was further illustrated by

the decreased range of rlumen values at higher frequencies. Figure 5.27 demonstrates

the variation in rlumen values between the lowest (ω = 6) and highest (ω = 30)

frequencies tested. As the interfaces produced by both waves were out of phase

with each other, rlumen is plotted as a function of graft arc angle rather than the
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phase of the interface. Consequently, the peak-to-trough height profile decreased

with increasing ω (Table 5.6).

𝜃 = 0∘

𝜃 = 60∘

𝑟𝑙𝑢𝑚𝑒𝑛

Figure 5.27: The impact of varying ω on rlumen at systolic pressure with respect
to graft arc angle.

Table 5.6: Peak-to-trough height profiles at the lumen surface as a function of ω
at systolic pressure.

ω = 6 ω = 10 ω = 20 ω = 30

Peak-to-trough height profile (µm) 8.41 4.15 0.68 0.20

5.3.6 Combining Interface Radius and Amplitude: Compli-

ance

As proof-of-concept for the targeted optimisation of graft mechanical behaviours

using multiple interface parameters, the combined effect of varying A (0.05 mm →

0.25 mm) and r (1:2, 1:1 and 2:1) on the CC (Figure 5.28A) and rlumen (Figure

5.28B) of PVA/gelatin grafts was assessed. These values were then compared with

literature compliance values for the coronary artery (Table 5.8).
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Figure 5.28: The impact of varying the r and A of bi-layered interdigitated
PVA/gelatin grafts. (A) CC ± SD; (B) rlumen at systolic pressure. In all cases, ω
= 10.
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The magnitude of CC was dominated by the IM:adventitia ratio (Figure 5.28A).

Decreasing the relative volume of the stiffer IM layer, for instance, incurred a greater

increase in CC than increasing A. This was also reflected in the magnitude of

rlumen; while increasing A increased the non-uniformity of rlumen with ϕ, Figure

5.28B shows that the overall magnitude of deformation was primarily governed by

the IM:adventitia ratio.

The extent to which larger amplitudes increased the non-uniformity of rlumen

was reduced by increasing the relative volume of the stiffer IM layer (Figure 5.28B).

Consequently, the lumen surface height profiles were also reduced with increasing

IM:A ratio. The smallest height profile was obtained when the IM:adventitia ratio

was 2:1 and A = 0.05 mm (1.13 µm); conversely, the largest height profile was

obtained when the IM:adventitia ratio was 1:2 and A = 0.25 mm (21.83 µm). When

the IM:adventitia ratio was 1:2, the surface height profile ranged from 4.04 µm –

21.83 µm. When the volume of the IM was increased such that the IM:adventitia

ratio was 2:1, the surface height profile spanned a smaller range of values (1.13 µm

– 5.75 µm). The full list of peak-to-trough height profiles are listed in Table 5.7.

Table 5.7: Peak-to-trough height profiles at the lumen surface as a function of A
and IM:adventitia ratio at systolic pressure.

PEAK-TO-TROUGH HEIGHT PROFILE (µm)

IM:adventitia A = 0.05 mm A = 0.10 mm A = 0.15 mm A = 0.20 mm A = 0.25 mm

ratio

1:2 4.04 7.94 12.01 16.56 21.83

1:1 2.12 4.15 6.24 8.56 11.29

2:1 1.13 2.18 3.25 4.42 5.75

Table 5.8 shows the degree of compliance match between the bi-layered

interdigitated PVA/gelatin grafts in Figure 5.28 and those reported for human and

183



6 | HETEROGENEOUS DESIGN OF FUNCTIONALLY GRADED CORONARY
ARTERY GRAFTS

porcine coronary arteries. Although variation of A and r extended the range of

compliance values for PVA/gelatin grafts, both the absolute and normalised CC

remained ≈100–200% larger compared with the native vessel.

Table 5.8: Compliance of bi-layered interdigitated PVA/gelatin grafts compared
with human and porcine coronary arteries.

Bi-layered interdigitated Human LAD coronary Porcine coronary

PVA/gelatin graft artery [374] artery [157]

Systolic pressure (mmHg) 120 126.7 ± 5.8 120

Diastolic pressure (mmHg) 80 81.3 ± 3.8 80

CC (mm2/mmHg) 0.036–0.042 0.017 ± 3.8 –

CC (%/100mmHg) 20.12–22.11 – 6.69–8.02

5.4 Discussion

The influence of artery wall heterogeneity on the mechanical and biological functions

of coronary arteries has remained a key theme throughout this thesis. Achieving

structural biomimicry through the manufacture of multi-layered grafts is gaining

traction in the field of small diameter vessel engineering. This is due to the roles

that the intima, media and adventitia play in regulating the mechanical environ-

ment experienced by the endothelium and the resulting balance between healthy

(anti-thrombogenic) and diseased (atherogenic) EC behaviour [150, 226]. Interlayer

gradients may be achieved through variation of the material composition to form two

or more distinct layers [240, 325–327]. This was the approach taken in Chapter 4,

where it was observed that the stress/strain profiles and compliance of PVA/gelatin

grafts could be tuned by varying the layer-specific cryogel composition. However,

intralayer variations in properties – be they compositional or structural – have been

significantly less explored. This is likely due to the limited ability of traditional man-
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ufacturing processes (casting, dip-coating and electrospinning) to produce intralayer

gradients or grafts with controlled interface geometries.

The advent of sub-zero AM offers a rich design space for the manufacture of

functionally graded PVA cryogel-based constructs with optimised complex internal

structures [15, 271, 375]. Of these, controlling the interface(s) between adjacent tis-

sue layers through toolpath design presents a compelling parameter in the creation

of functionally graded implants [16]. It should be noted that, while sub-zero AM is

the intended manufacturing route for functionally-graded grafts, the current resolu-

tion of sub-zero AM (0.26 mm [15]) is lower than that required to accurately print

the sinusoidal interfaces investigated in this study. Until strategies that increase the

resolution of sub-zero AM are reported in the literature, the design of such grafts is

limited solely to the computational realm.

In the meantime, there is outstanding need for computational simulations that

aim to identify and optimise print parameters such as toolpath that induce gradiated

wall stiffnesses and/or circumferential stress profiles that promote anti-pathogenic

EC function. FEA is firmly established as an effective platform to accelerate the

design and optimisation of graded orthopaedic implants under physiological load

[272–274]. Yet, FEA remains a relatively untapped resource in the assessment of

novel coronary artery graft designs.

This chapter has used FEA to explore the impact of a bioinspired sinusoidal

interface – as has been experimentally manufactured using sub-zero AM in recent

work [371] – on the circumferential stress pattern and compliance of bi-layered

PVA/gelatin grafts.
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5.4.1 Modelling the Contact Between Interdigitated Surfaces

This study modelled the quasi-static expansion of interdigitated PVA/gelatin grafts

under intraluminal loading up to systolic pressure. The discussion section of Chap-

ter 4 highlighted the lack of literature defining the contact interactions between two

PVA/gelatin surfaces and the importance of accurately defining such interactions

when increasing graft design complexity. Thus, before analysing the impact of a

complex interface on transmural stress distribution, it was necessary to establish a

suitable contact formulation that would emulate the expected movement between

graft layers without introducing unrealistic displacements and/or stress concentra-

tions at the interface.

Figure 5.10 demonstrates the stress independency of laminated models when

using friction coefficients, implementing rough friction or tying the surfaces together.

σθ was governed only by the relative material properties and thicknesses of both

layers. These data verified the assumptions outlined in Chapter 4 where, in lieu

of a friction coefficient between two PVA cryogel surfaces, a friction coefficient of

0.04 was chosen according to the friction coefficient of PVA cryogel and titanium

alloy [306]. However, the same friction coefficient caused anti-parallel sliding of the

two layers upon introduction of the interdigitated interface. This tangential slip

amplified stress concentrations at the peaks and troughs of the interdigitated wave,

regardless of the PVA/gelatin composition used to model each layer. While xθ is

presented for systolic pressure in Section 5.3.2, tangential slip occurred from the

first step increment of all interdigitated models (8 mmHg).

The adhesive behaviour between interfacing cryogel layers under an applied load

(and the magnitude of force responsible for failure) is not well defined for any mode of

loading in the literature. Instead, this behaviour must be qualitatively inferred from
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existing studies of hydrogel-based FGBMs. This lack of knowledge is further

narrowed by the choice of manufacturing method used to fabricate heterogeneous

grafts. For instance, the casting method proposed by Wahab et al. exploited the

diffusion between adjacent PVA solutions to form continuously graded constructs

with intermediary zones [362]. In this case, tying adjacent interfaces may be an

applicable assumption. Conversely, materials printed using extrusion-based AM

techniques are subject to interface formation both between and within successive

print layers [16, 376]. When PVA is extruded onto a frozen print bed, physical

crosslinks form between adjacent filaments [16]. However, the extent of crosslink-

ing is governed by the freezing process. Interfacing regions may be vulnerable

to excessive deformation and delamination when placed under tension [376]; the

decreased bond strength between parallel strands of 3D-printed PVA cryogel has

been recognised as a potential mechanism of premature sample failure under

uniaxial tension [16]. Tied surface constraints likely oversimplify the local defor-

mations and displacements that may occur between adjacent printed regions under

physiological loading; on the other hand, static friction coefficients are unable to

model the expected delamination failure mechanism.

Caution should therefore be exercised when using friction coefficients to model

the contact between interdigitated or interlocking hydrogel layers. For the purpose of

this thesis, a rough (infinite) friction constraint was implemented to prohibit relative

slip between the two graft layers while allowing analysis of the contact pressure at the

interface. This simplification assumes the two layers remain adhered when the graft

is pressurised to systolic pressure. To validate this assumption, experimental data

quantifying the local displacement of interdigitated interfaces under physiologically-

relevant loading (eg tracking local strains through digital image correlation [376])

are needed.
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The conclusions derived from these simulations further reinforce the need to

adequately report and/or explore the contact between interfacing layers in the FEA

of multi-layered vascular grafts. In a study of a composite vascular scaffold com-

prised of a knitted wire mesh embedded in a polyurethane scaffold, Sirry et al. used

static friction coefficients between 0.2–0.55 to model the tangential surface inter-

actions between the two components [377]. Meanwhile, Byrne et al. tied separate

material sections of their fibre-reinforced graft using a tie constrant [23]. Though

both studies developed grafts using alternative VMMs, the inclusion of complex

geometrical elements – and thus more complex stress–strain behaviour – warrants

further exploration of contact properties of VMMs in interfacing regions.

5.4.2 Analysis of Sine Wave Parameters on Graft Biomechan-

ics

Sinusoidal waveforms are attractive design components in cardiovascular tissue

engineering as they mimic the crimping (and subsequent stiffening under increasing

pressure) behaviour exhibited by collagen fibres [371] and elastic lamellae. For in-

stance, Byrne et al. embedded sinusoidal polyurethane fibres in a soft silicone matrix

to provide hyperelastic reinforcement to composite medium-large vascular grafts [23].

Sinusoidal filament networks have also been explored in the wider context of soft tis-

sue engineering; by varying the filament period and amplitude-to-period ratio, Meng

et al. demonstrated how the mechanical properties of PCL scaffolds can be tuned

between 27–1944 kPa [378]. Importantly, the ability to create mathematically-driven

toolpaths using AM enables printing of sinusoidal PVA/gelatin cryogel fibres using

sub-zero AM [371]. A bioinspired sinusoid was therefore explored as the complex

interface in this study.
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The custom Python script developed to create the sinusoidal interface granted

control over three key sine wave parameters: r, A and ω. Variations in r and A

at fixed ω predominantly altered the radial composition of the IM and adventitia.

By contrast, variations in ω at fixed r and A predominantly altered the circum-

ferential composition of the two layers. Subsequently, this study determined that

the transmural σθ distribution, luminal displacement and CC of bi-layered interdigi-

tated PVA/gelatin grafts subjected to physiological pressures were dependent on the

phase and/or graft angle at which they were measured. This was an important find-

ing as it emphasised the need to evaluate stress patterns (including concentrations)

and lumen displacement with respect to the interface waveform.

The ability to vary the radial and circumferential composition of the IM and

adventitia through the amplitude and frequency of a sinusoidal interface around

the graft circumference presents a compelling method to manufacture functionally

graded vascular grafts. Compared with non-interdigitated interfaces, the transmural

σθ gradients at ϕ = 0◦ and ϕ = 180◦ (which have the same radial depth as the non-

interdigitated interface) were ’phased’ (the stress distribution was more continuous).

Moreover, the degree of phasing increased with increasing A. This behaviour mimics

the role of residual stresses in native coronary arteries, which minimise intramural

σθ gradients derived from blood pressure [379]. However, this phased behaviour

was achieved at the expense of increased σθ at the luminal surface (which residual

stresses have been found to decrease [380]) and intramural σθ concentrations at ϕ =

270◦, both of which were exacerbated at higher amplitudes.

Troughs are an intrinsic property of sinusoidal waveforms. High intramu-

ral stress concentrations alter EC morphology and are associated with decreased

turnover of ECM proteins [381, 382]. Furthermore, based on studies of coronary

arteries [383, 384], it is speculated that increased stretching at the troughs of the
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interface may increase EC permeability and facilitate LDL accumulation in the IM

layer of the graft. Together, these data suggest that sinusoidal interfaces may pro-

vide both atheroprotective and atherogenic cues to the endothelium. Experimental

validation of these graft designs should therefore aim to investigate the impact of

interface variables on EC expression of cyclic stretch-mediated mechanosensitive

genes.

Intriguingly, the phased behaviour at ϕ = 0◦ – as yielded at higher amplitudes

– was achievable at lower amplitudes by increasing ω. This was achieved without

significantly increasing σθ at the luminal surface; moreover, as A was kept constant

for each frequency simulation, σθ concentrations at ϕ = 270◦ were comparatively

lower than at higher A. It is hypothesised that the phased behaviour of σθ with

increasing A and ω are caused by the bifurcation of behaviour as a direct consequence

of the interface. Bifurcation theory is a deeply mathematical concept that describes

the way that a system varies under parametric changes [385]. In the context of this

research, it could explain how σθ behaves relative to the interface until a theshold

A and ω, upon which is acts independently. For instance, consider the σθ contour

maps in Figure 5.22: when ω = 6, the distribution of σθ was dependent on the

interface geometry; when ω = 20, it became independent of the interface geometry.

This behaviour may be attributed to an assumption related to the FE model (eg

mesh density) or may be representative of physical phenomena. Chapter 6, Section

6.3 will address the implications of this hypothesis in more detail. Nevertheless,

it is hypothesised that the combination of A and ω may be tuned to maximise

atheroprotective σθ-derived cues. Future work should therefore look to evaluate a

combined amplitude/frequency parameter sweep on transmural σθ patterns using

both in silico and in vitro testing.

In addition to mediating σθ distribution, the magnitude and range of CC
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increased with increasing r, A and ω. Of the three sinusoidal parameters, r and

A had the biggest impact on the magnitude of CC. This was unsurprising given the

reliance of lumen deformation and compliance on radial composition. Increasing

r increased the relative amount of stiff IM layer, decreasing CC. As A was in-

creased, the relative amount of compliant outer adventitial layer in circumferential

segments closer to the lumen increased. Thus, in grafts with larger A, the compliant

adventitia bore more of the pressure load compared with grafts of lower A. This

resulted in larger CC as a function of A, as shown in Figure 5.20. This trend is in

agreement with the study by Byrne et al., where grafts designed with the largest

fibre amplitude yielded the highest compliance across mean pressures of 0–130

mmHg [23].

Furthermore, as A was increased, the radial deformation around the lumen

became more non-uniform as a function of ϕ. This was reflected in the larger range

of lumen radii observed at larger amplitudes (Figure 5.21A). rlumen was smallest

at phases containing more of the inner IM layer, where the interface was furthest

away from the lumen (ϕ = 90◦). The increased stiffness at these phases resulted in

decreased radial deformation, yielding lower CC values. On the other hand, rlumen

was largest at phases containing more of the outer adventitial layer (ϕ = 90◦). The

decreased stiffness at these phases resulted in increased radial deformation and larger

CC values.

The ability to control graft compliance through interface design has exciting

consequences for the development of coronary artery tissue replacements. Syn-

thetic grafts are often developed according to an idealised isotropic or orthotropic

tubular geometry, yet coronary arteries exhibit location-specific compliance along

their length [157]. Extending the parametrically-driven toolpath developed in this

study into a third dimension could allow for graded compliance along the length
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of the graft. Graded compliance could also help to reduce compliance mismatch

at anastamoses or even mediate disrupted flow patterns experienced near bifurca-

tions [386, 387], which could in theory be used to minimise turbulent flow patterns

that promote an atherogenic EC phenotype, drive endothelial damage and trigger

inflammatory signalling cascades [108].

While this thesis has focused on the manufacture of haemocompatible

PVA/gelatin grafts, the ability to control graft compliance through interface de-

sign may also find use in the design of coronary artery phantoms. Synthetic tissue

phantoms are important tools in the diagnostic field, as they present an efficient

and cost-effective method of developing and validating novel imaging techniques by

simulating the coronary artery without the use of biological tissue and/or animal

models [388, 389]. Varying the compliance around the circumference, such as may

be expected when modelling a stenosed artery, could be achieved by increasing the

relative volume of stiff IM:adventitia (shifting r) and/or increasing the amplitude

to reflect regions with neointimal hyperplasia or plaque formation. Together, these

data suggest that interface design could provide an effective avenue for manufactur-

ing a variety of physiologically-relevant coronary artery graft constructs.

Irrespective of application, it is evident that the CC of the PVA/gelatin graft

designs evaluated in this study were more compliant between diastolic and

systolic pressure than the native coronary artery wall. This finding matches the

conclusions drawn from the tri-layered non-interdigitated grafts in Chapter 4. Given

that the interdigitated waveform increases compliance relative to a non-interdigitated

graft, this chapter further highlights the need for cryogel compositions with sufficient

strain-stiffening behaviour over physiological pressure. To achieve a closer compli-

ance match in terms of magnitude, stiffer compositions of PVA/gelatin cryogel are

required. While this could be achieved by increasing the cryogel concentration [103],
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decreased viscosity and subsequent loss of geometric fidelity presents a problem for

extrusion-based sub-zero AM [10]. Alternatively, the stiffness of PVA/gelatin cryo-

gel could be improved through fibre reinforcement, either through direct addition

of fibres to the polymer solution [390–392] or through the combination of sub-zero

AM and electrospinning [269]. For instance, the compliance of PVA/gelatin cyrogel

has been shown to decrease when the lumen is reinforced with an electrospun mat

of PVA-SbQ (PVA modified with styrylpyridinium pendant groups) fibres [269]. In

all cases, the FE models developed within this thesis could be used as tools to help

validate the compliance of grafts made from additional PVA/gelatin compositions.

An interesting consequence of the interdigitated interface was the introduction

of pressure-induced luminal surface waviness due to non-uniform radial expansion

when loaded to systole. If a VMM is to be used in endothelium-contacting and

blood-interfacing graft constructs, it is imperative to understand the impact that

its surface topography has on its haemocompatibility. For instance, VMMs with

microscale surface roughness have higher thromobogenic potential than those with

nanoscale roughness due to the increased surface area for platelet activation and

adhesion [393]. On the other hand, incorporating sub-micron ridges into the VMM

surface (0.05–2 µm) may attenuate thromobogenicity by limiting platelet adhesion

to the peaks of the grooves, where the surface area is minimised [393, 394]. Fur-

thermore, compared with smooth surfaces, increased endothelialisation rates and

EC alignment have been observed on VMMs with structured anisotropic nano- and

microscale ridged topographies [395, 396]. It must be emphasised that the in silico

expansion behaviour of the interdigitated grafts reported in this study did not con-

sider the initial surface roughness and require experimental validation. However, the

results presented in this thesis suggest that interface design may be a viable target

toward the generation of surface topographies that are representative of the native
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intima under physiological loading.

For each graft design, the peak-to-trough height of the lumen at systolic pressure

was reported to quantify the maximum deviation in the lumen height profile. Of

the three sinusoidal interface parameters explored in this study, the luminal height

profile was most susceptible to variations in amplitude and radius; the largest height

profile (21.83 µm) was obtained for the largest amplitude when the IM:adventitia

ratio was set to 1:2. The surface topographies of the grafts in this study met the

standard reported for porcine LAD coronary arteries, where circumferential and

longitudinal height profiles span ≈10 µm [102, 397]. While sub-micron features elicit

desirable surface characteristics compared with smooth surfaces, there is a growing

body of evidence associating increased intimal surface roughness with the onset

and progression of atherosclerosis [398]. Computational fluid dynamics models have

indicated that local minima in the surface height profile of porcine LAD coronary

arteries correspond to regions of atherogenic WSS [397]. As the sinusoidal interfaces

formed sinusoidal surface features, these findings suggest scope for research into

alternative interface waveforms that promote haemocompatible topographies while

minimising atherogenic trough formation.

5.5 Conclusion

This chapter aimed to increase the geometric complexity of the heterogeneous

tri-layered PVA/gelatin graft designs in Chapter 4 through the inclusion of a

bioinspired sinusoidal interface between graft layers. It was hypothesised that a

sinusoidal interface could be used to alter the stress pattern across interfacing tissue

layers and induce gradual changes in transmural stress – a physiologically relevant

yet critically underexplored concept in the field of cardiovascular tissue engineering

194



6 | HETEROGENEOUS DESIGN OF FUNCTIONALLY GRADED CORONARY
ARTERY GRAFTS

that has the potential to reduce atherogenic stress concentrations linked to graft

failure. Recent studies have demonstrated the potential to fabricate functionally-

graded PVA cryogel-based lattice structures using sub-zero AM. On the basis that

such grafts could one day become viable through sub-zero AM, the study presented

in this chapter sought to explore the impact of interface design on graft biomechanics

using FEA. To summarise, this study has:

• Presented a method to generate a 2D sinusoidal waveform interface using

Abaqus’ Scripting Interface that grants the user parametric control over three

key interface parameters: r, A and ω;

• Evaluated the impact that friction coefficients and tied surface constraints

have on modelling the relative displacement and transmural stress of laminated

and complex interdigitated interfaces. Notably, a static friction coefficient was

unable to model the expected displacement of a complex interface; setting

µ = ∞ is suggested until such time that experimental data are available;

• Demonstrated that the inclusion of an interdigitated interface decreases graft

compliance with respect to a laminated interface, that compliance was depen-

dent upon the phase of the interface, and that compliance was predominantly

influenced by variations in r and A;

• Demonstrated that the inclusion of an interdigitated interface ’phases’

transmural σθ to decrease the discontinuity of stress across the interface; this

behaviour was observed with increasing A and ω and was dependent upon the

phase of the interface wave or the graft arc angle;

• Uncovered the formation of lumen ’waviness’ as a result of non-uniform radial

expansion, the magnitude of which was determined by r, A and ω.
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Chapter Six

GENERAL DISCUSSION AND

CONCLUSIONS

6.1 Thesis Summary

After almost four decades of tissue engineering research, the search for clinically

viable, small-diameter tissue-engineered grafts remains limited by a lack of suitable

VMMs for implantation. Despite substantial research into the in vitro biomechani-

cal behaviour of VMMs, small-diameter grafts – including those designed for CABG

– are often associated with poor patency and implant failure. PVA/gelatin cryogels

are prospective VMMs thanks to their composition- and manufacturing-specific me-

chanical behaviours and documented capacity for endothelialisation. Compared with

their homogeneous counterparts, heterogeneous, multi-layered grafts better meet the

extensive design requirements needed to replicate the structure and

function of coronary arteries. Thus, this thesis hypothesised that PVA/gelatin

cryogel can be used to manufacture heterogeneous, biomimetic coronary artery grafts

with layer-specific biomechanical properties representative of the artery wall. The
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thesis objectives were completed as follows:

• The linear elastic, dynamic viscoelastic and hyperelastic properties of

PVA/gelatin cryogel were quantitatively characterised according to variations

in Mw PVA and use of polymer coagulation treatment;

• Experimental hyperelastic test data were integrated with computational FE

models, enabling the in silico assessment of four heterogeneous laminated graft

designs under physiological pressure relative to the coronary artery wall. The

results not only highlighted the impact of layer composition on matching the

quasi-static biomechanical response of PVA/gelatin grafts with native tissue,

but also the impact of hyperelastic constitutive model choice on modelling

these responses;

• A parametrically-controlled, bioinspired sinusoidal interface was incorporated

into a bi-layered graft in silico to investigate the impact of complex

interface design on the transmural biomechanics of PVA/gelatin grafts. The

ability to introduce graded intramural mechanical properties through

variation of interface design parameters was demonstrated, representing a

novel approach to achieving functionally graded coronary artery grafts.

6.2 Impact, Novelty and Contribution to the Field

To date, the basic mechanical properties [13, 199, 297, 298] and endothelialisation

[12, 13, 172, 174, 207] of PVA/gelatin hydrogels have been reported, highlighting

their potential as homogeneous VMMs. However, the link between the mechani-

cal behaviour of PVA/gelatin grafts when subjected to a dynamic haemodynamic

environment and the resulting mechanotransductive behaviours of ECs is critically

197



7 | GENERAL DISCUSSION AND CONCLUSIONS

underresearched. This thesis combined experimental and computational methods to

not only characterise the viscoelasticity and hyperelasticity of PVA/gelatin cryogel,

but to model the stress and compliance of heterogeneous PVA/gelatin grafts under

physiological pressure for the first time. By matching the biomechanical response

of multi-layered PVA/gelatin grafts with that of the native wall and assessing the

impact this may have on atheroprotective versus atherogenic EC behaviour, this

thesis has taken a novel and important step towards bridging the gap between the

mechanical and biological characterisation of PVA/gelatin grafts.

Chapter 3 quantified the linear elastic, dynamic viscoelastic and hyperelastic

properties of PVA/gelatin cryogel as a function of two key formulation parameters:

the Mw of PVA and the use of polymer coagulation treatment. The research impli-

cations of the data presented in this chapter are two-fold. First, the data extend

current understanding of the mechanical behaviour of PVA/gelatin cryogel – largely

limited to linear elastic moduli – under physiologically relevant loading conditions.

Notably, these parameters can be varied to yield quasi-static and dynamic stiffnesses

resembling those reported in the literature for coronary arteries; these findings fur-

ther support the potential of PVA/gelatin as a mechanically-relevant VMM. Second,

the constitutive parameters generated from each mechanical test facilitate the devel-

opment of computational models of PVA/gelatin-based coronary artery grafts. Such

computational models could be used to supplement experimental data by allowing

prediction of physiological graft behaviours that are not readily observed in vitro,

such as the transmural stress distribution or dynamic viscoelastic response under

physiological loading. Thus, the dynamic viscoelastic and hyperelastic constitutive

parameters quantified in this thesis contribute to the field of cardiovascular tissue

engineering research by enabling computational research into complex biomechanical

behaviours relevant to arterial tissue.
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Chapter 4 successfully developed a framework for designing multi-layered

PVA/gelatin cryogel grafts informed by the hyperelastic data produced in Chapter

3. For the first time, FEA has been used to probe these behaviours in PVA/ge-

latin coronary artery grafts. Exemplified using four tri-layered laminated PVA/ge-

latin graft designs, it was shown that layer composition impacts the transmural

stress and strain distribution when loaded to systolic pressure. Furthermore, it was

demonstrated that the layer composition could be varied to yield grafts with trans-

mural biomechanics that qualitatively match those observed through the coronary

artery wall. Building upon a study that modelled the impact of layer-specific elastic

moduli on the circumferential stress of electrospun vascular grafts, [275] the simu-

lations presented in this chapter reinforce the inadequacy of homogeneous grafts to

replicate the biomechanics of the native wall and provide further justification for

biomimetic, multi-layered graft designs. Importantly, while the PVA/gelatin grafts

studied in this thesis were more compliant than the coronary artery wall, the frame-

work developed in this thesis provides a useful design aid for the development of

other hyperelastic VMMs intended for CABG.

Finally, Chapter 5 demonstrated the impact of a geometrically complex

interface on the compliance and transmural stress distributions of heterogeneous

bi-layered PVA/gelatin grafts. Despite the functionally-graded nature of the artery

wall, the development of FGBMs thus far has been restricted to the arena of hard

tissue engineering. The data obtained in this chapter address this untapped area of

research by demonstrating the potential of interface design to engineer functionally-

graded coronary artery grafts. It was not only demonstrated that surface contact

interactions have a significant role on the radial expansion behaviour of interdigitated

grafts, but that a homogenenised (’phased’) stress field – a physiologically relevant

concept that is achieved in native arteries through the existence of residual stresses
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– can be theoretically obtained as a function of interface amplitude and frequency.

Specifically, interface amplitude and radius can be used to produce subtle changes in

graft compliance and lumen surface characteristics, while interface frequency can be

used to reduce intramural circumferential stress concentrations as a function of the

phase of the interface. The implications of these results paves the way for an exciting

yet unexplored research theme in cardiovascular tissue engineering: the ability to

incorporate functionally graded biomechanics through biomimetic interface design,

and the impact that interface design may have on generating atheroprotective or

atherogenic cues for ECs.

6.3 Limitations

There are several limitations associated with the research presented in this thesis;

these can be broadly categorised as limitations pertaining to the collection of ex-

perimental data, or limitations concerning the computational assumptions adopted

during FEA. It is imperative to address prominent limitations and suggest potential

routes to overcome them.

First, the casting method used to manufacture PVA and PVA/gelatin cryo-

gel samples in Chapter 3 yielded isotropic samples. While arteries may be con-

sidered incrementally isotropic at low physiological strain [399, 400], the layer-

specific orientation and dispersion of elastin and collagen fibres throughout the wall

imparts direction-specific, or anisotropic, mechanical properties when subject to

high physiological load [400]. Fibre orientation provides resistance to stretch and

thus contributes to arterial compliance at physiological pressure. Recapitulating the

anisotropic properties of coronary arteries in VMMs may improve graft patency and

help to maintain vessel function in vivo [401].
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Orthotropic PVA cryogel can be obtained using the FT under drawing method,

whereby a uniaxial stress/strain is applied during the freezing step to induce fibre

alignment parallel to the applied stress/strain [179, 402]. Due to the extrusion of

PVA fibres during sub-zero AM, sub-zero AM PVA cryogel also exhibits orthotropic

mechanical properties relative to the print direction and nozzle size [16]. As sub-zero

AM is the expected route of manufacture for the interdigitated PVA/gelatin graft

designs in Chapter 5, it is imperative that future work characterises the constitu-

tive material properties of sub-zero PVA/gelatin cryogel such that FE models can

accurately reflect their mechanical behaviour under pressure.

While compression testing is relevant in the characterisation of VMMs [291],

the mechanical testing performed in this thesis was limited to uniaxial loading.

Pressurised arteries, and therefore implanted grafts, experience multi-axial

physiological load states (uniaxial tension, uniaxial compression and biaxial ten-

sion [291]) that cannot be completely captured by uniaxial loading. Future work

should therefore look to obtain mechanical test data across multiple deformation

modes to help improve the accuracy of the FE model. For instance, the accuracy

of the Ogden model can be increased when data from multiple loading modes are

available, as this would allow higher order models to be fitted [93, 98].

All mechanical testing was performed in air (ie dry test conditions) and at room

temperature due to the setup of the mechanical testing machine. While the DMA of

coronary arteries has been performed under similar conditions [102], the preferred

approach is to test the sample in the wet state and at 37 ◦C [286, 288, 291, 292,

302]. The latter conditions are more representative of the in vivo environment and

therefore allow better prediction of material behaviour under physiological condi-

tions [403]. Both the quasi-static [403, 404] and dynamic [405] mechanical properties

of biological tissues and biomaterials can change depending on the relative humidity
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and/or hydration. Therefore, to aid translation of PVA/gelatin cryogel as a viable

VMM, additional mechanical characterisation tests are needed (eg immersion DMA)

to approximate its mechanical properties in vivo.

The FEA results presented in this thesis demonstrated that the compliance

of PVA/gelatin grafts was higher than the coronary artery wall. Weaknesses

in the graft wall may lead to bulging when exposed to haemodynamic stresses

post-implantation. It is likely that stiffer compositions of PVA/gelatin would be

needed to provide reinforcement under physiological loads. These may be obtained

using additional formulation or manufacturing parameters: cryogel concentration

is perhaps the simplest method of increasing bulk stiffness [103]. However, highly

concentrated PVA solutions have poor flowability due to their increased viscosity

[10]; alternative parameters may need targeting to ensure compability with sub-zero

AM. An alternative approach would be to look at increasing the anisotropic and

strain stiffening behaviour of PVA/gelatin within the physiological pressure range

experienced by coronary arteries. In their quest to develop synthetic tendons, Hua et

al. used a combination of directional freezing and polymer coagulation to increase

the micro- and nano-alignment of PVA/gelatin cryogel networks [198]. Incorpo-

rating a similar network structure in the adventitia could be an effective way of

decreasing graft compliance. Future work should look to characterise PVA/gelatin

over a broader spectrum of formulation and manufacturing parameters and simulate

their distensibility using the FEA approach developed in Chapters 4 and 5.

The FE models developed in this thesis represent a crucial tool toward the

design and validation of functionally graded coronary artery grafts and selecting

candidates for manufacture. Nevertheless, certain assumptions were applied to

decrease model complexity. Notably, residual stresses were not incorporated into the

coronary artery models in Chapter 4. Modelling the layer-specific residual stresses
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of arteries is complex; it is not uncommon for FE studies to neglect their contribu-

tion to arterial biomechanics [406]. Yet, compressive residual stresses in the inner

wall and tensile residual stresses in the outer wall reduce stress concentrations both

transmurally and at the luminal surface [380]. Recent studies have demonstrated

the impact of neglecting residual stresses in tri-layered models of the artery wall on

exaggerating stress contributions, especially within the intima [406]. If these coro-

nary artery FE models are to provide a benchmark for synthetic grafts, future work

must aim to incorporate layer-specific residual stresses.

From the data presented in Chapter 5, the root cause of the phased behaviour

of interdigitated grafts could not be ascertained. The circumferential stress behaved

relative to the interface up until a threshold amplitude or frequency, upon which

it acted independently (’phased’). The behaviour of a system can change once a

threshold point is met; this behaviour is analogous to a vibrating cantilever beam

that changes mode shape as the vibration frequency changes [385]. This behaviour

could be caused by methodological choice (such as mesh density relative to the

interface wavelength or contact definition), or it could be created by a bifurcation

in the real-world, physical behaviour of the system.

To assess the former, a much broader parameter sweep of FE variables is needed

to ensure that phased behaviour is not a direct consequence of the FE system. To

assess the latter requires a deep understanding of the mathematical concepts behind

bifurcation theory [385], which falls outside of the scope of this thesis. As the phys-

ical system has not been investigated experimentally, there is no previous research

to confirm or reject either hypothesis. Research investigating the role of geometry

in governing the mechanical behaviour of triangular suture joints reported a similar

homogeneous stress distribution [370]. The computational nature of the study raises

similar questions to this research. As such, this interesting and promising result will
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require investigation through future research trajectories.

6.4 Future Work

Determine material properties 

through mechanical testing: 

does the composition show the 

desired mechanical properties 

(eg stiffness, hyperelasticity, 

anisotropy, viscoelasticity)?

Choose composition(s) of 

PVA/gelatin cryogel

Input material parameters into 

FE model: are the 

biomechanics comparable to 

the target vessel?

No

Manufacture design and 

validate performance in vitro: 

are the biomechanical results 

comparable to FEA data? 

Progress to endothelialisation: 

does the graft promote 

atheroprotective or atherogenic 

EC behaviours in vitro? 

Build FE model according to 

geometry and interface 

parameters: are the 

biomechanics comparable to 

the target vessel?

No

Yes

Yes

Yes

Choose interface waveform for 

design of heterogeneous graft

Atherogenic

Yes

No

Progress to implantation and 

assess graft patency in an 

animal model

Atheroprotective

No

Figure 6.1: Anticipated future trajectory of this thesis. The boxes with solid
outlines represent the starting points for the experimental (aqua) and computational
(blue) workstreams; if at any point undesirable biomechanical or haemocompatible
behaviours surface, the research should circle back to both starting points.
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This thesis has laid the groundwork for designing multi-layered coronary artery

grafts. Future work should aim to characterise the hyperelasticity of additional

PVA/gelatin compositions and use the FEA framework to obtain grafts that more

closely match the layer-specific biomechanics and compliance of the native wall. An

additional avenue of research should look at extending the FE model to incorporate

the dynamic viscoelastic behaviour reported in Chapter 3, as this would allow in-

vestigation into the nature of elastic recoil and energy dissipation of synthetic grafts

under dynamic loading and how this compares to the native wall. Such models

would also complement an emerging area of fundamental cardiovascular research:

understanding the impact of matrix viscosity on EC mechanotransduction [407].

The common denominator between many of the limitations discussed in Section

6.3 is the need for experimental validation of the simulated graft designs. A pivotal

next step in the development of heterogeneous, functionally graded coronary artery

grafts will be to assess whether the biomechanical metrics observed in silico (eg

compliance) match those observed in vitro. Sub-zero AM has demonstrated promise

Figure 6.2: Sub-zero AM has been used to fabricate functionally graded PVA
cryogel lattice structures with variable sinusoidal wavelengths. Reprinted from [371]
with permission from the author.
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toward the complex design of functionally graded PVA cryogel lattice structures

(Figure 6.2), [371]) and is the predicted method for future functionally graded graft

manufacture. While FEA has been successfully used to parametrically expand the

design space made available by sub-zero AM, it is clear that the latter technique

needs further refinement before it can be used to create functionally graded small

diameter grafts. Most notably, print replicability and resolution remain key draw-

backs to the approach. Once these practical issues have been addressed, the link

between the biomechanical behaviours of different heterogeneous graft designs and

EC behaviour must also be determined. For this validation, the author suggests

quantifying the expression of mechanosensitive genes seeded to tubular grafts using

polymerase chain reaction analysis. Figure 6.1 summarises the anticipated future

trajectory of this thesis and the steps that are needed to take heterogeneous grafts

from computational simulations to functional and potentially implantable grafts.
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Appendix A
Appendix A includes supplementary data for Chapter 3 of this thesis. Listed in
order of appearance throughout 3, these include:

• First order Ogden parameters for individual PVA/gelatin samples (Table A.1);

• Complete DMA data for all compositions of PVA and PVA/gelatin cryogel at
all frequencies tested (Tables A.2–A.7);

• Hyperelastic test data for all PVA/gelatin cryogel compositions (Figure A.1);

• Hyperelastic curve fitting coefficients for all stable hyperelastic models (Table
A.8).

237



7 | GENERAL DISCUSSION AND CONCLUSIONS

0.0 0.1 0.2 0.3 0.4 0.50.00
0.05
0.10
0.15
0.20
0.25
0.30
0.35

 (M
Pa

)
P9G1-A-NC

0.0 0.1 0.2 0.3 0.4 0.50.00
0.05
0.10
0.15
0.20
0.25
0.30
0.35

 (M
Pa

)

P9G1-A-C

0.0 0.1 0.2 0.3 0.4 0.50.00
0.05
0.10
0.15
0.20
0.25
0.30
0.35

 (M
Pa

)

P9G1-B-NC

0.0 0.1 0.2 0.3 0.4 0.50.00
0.05
0.10
0.15
0.20
0.25
0.30
0.35

 (M
Pa

)
P9G1-B-C

Figure A.1: Individual stress–strain curves (test data) for P9G1-A-NC, P9G1-A-C,
P9G1-B-NC and P9G1-B-C.
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Table A.1: First order Ogden parameters and r2 values for individual PVA/ge-
latin samples. For P9G1-B-C, samples marked with ∗∗ yielded α1 < 0 and were
excluded to allow averaging of α1. For P9G1-A-C, P9G1-A-NC and P9G1-B-NC,
samples marked with ∗∗ were excluded to keep the sample size consistent between
compositions (n = 6). The n = 6 mean values were the hyperelastic constants used
in subsequent FE models.

P9G1-A-C

Sample µ1 (MPa) α1 r2

1 0.0448 7.330 0.9993
2 0.0433 7.169 0.9999
3 0.0502 7.065 0.9995
4 0.0416 7.672 0.9998
5 0.0516 6.122 0.9988
6 0.0352 7.337 0.9993

7** 0.0460 6.718 0.9998
8** 0.0475 6.461 0.9984

Average (n = 8) 0.0450 ± 0.0052 6.984 ± 0.513 0.9994 ± 0.0004
Average (n = 6) 0.0444 ± 0.0060 7.116 ± 0.528 0.9994 ± 0.0004

P9G1-A-NC

Sample µ1 (MPa) α1 r2

1 0.0409 6.261 0.9978
2 0.0417 6.782 0.9991
3 0.0335 6.725 0.9995
4 0.0379 6.207 0.9981
5 0.0313 6.854 0.9999
6 0.0394 6.488 0.9986

7** 0.0370 6.807 0.9991
8** 0.0355 6.968 0.9996

Average (n = 8) 0.0371 ± 0.0036 6.636 ± 0.283 0.9989 ± 0.0008
Average (n = 6) 0.0374 ± 0.0042 6.553 ± 0.276 0.9988 ± 0.0008

P9G1-B-C

Sample µ1 (MPa) α1 r2

1 0.0260 6.923 0.9995
2 0.0274 7.903 0.9995
3 0.0288 7.516 0.9989
4 0.0279 8.308 0.9997

5** 0.0167 −3.470 0.9980
6** 0.0176 −2.944 0.9946
7 0.0271 8.120 0.9997
8 0.0285 7.819 0.9992

Average (n = 8) 0.0250 ± 0.0049 5.022 ± 5.098 0.9986 ± 0.0017
Average (n = 6) 0.0276 ± 0.0010 7.765 ± 0.493 0.9994 ± 0.0003

P9G1-B-NC

Sample µ1 (MPa) α1 r2

1 0.0229 7.172 0.9992
2 0.0235 6.680 0.9990
3 0.0201 8.252 0.9987
4 0.0209 6.760 0.9996
5 0.0216 7.421 0.9988
6 0.0271 7.580 0.9973

7** 0.0198 7.225 0.9995
8** 0.0197 7.385 0.9999

Average (n = 8) 0.0220 ± 0.0025 7.309 ± 0.493 0.9990 ± 0.0008
Average (n = 6) 0.0227 ± 0.0025 7.311 ± 0.581 0.9988 ± 0.0008
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Table A.2: E ′ (mean ± SD) for all PVA(/gelatin) compositions tested between 0.5
Hz and 10 Hz.

E′ (kPa)

Frequency (Hz) P10G0-A-C P10G0-A-NC P10G0-B-C P10G0-B-NC

0.5 378.3 ± 28.1 272.4 ± 24.9 271.2 ± 18.4 167.4 ± 20.0
1 378.0 ± 27.6 273.9 ± 24.8 271.4 ± 18.3 168.9 ± 19.9
2 386.2 ± 28.3 279.6 ± 24.9 276.2 ± 19.2 172.6 ± 20.0
3 390.2 ± 28.6 282.2 ± 25.1 278.5 ± 19.4 174.4 ± 20.3
4 392.9 ± 28.9 284.0 ± 25.2 280.0 ± 19.6 175.6 ± 20.5
6 397.2 ± 29.4 286.4 ± 25.4 282.8 ± 20.1 177.6 ± 20.7
8 399.8 ± 29.6 287.8 ± 25.6 284.6 ± 20.3 178.7 ± 20.8
10 401.4 ± 29.7 288.9 ± 25.7 286.0 ± 20.5 179.8 ± 20.9

Frequency (Hz) P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

0.5 424.0 ± 46.3 313.2 ± 39.7 259.5 ± 26.0 182.9 ± 20.0
1 425.8 ± 46.3 313.6 ± 39.6 259.7 ± 26.2 183.9 ± 20.3
2 432.3 ± 47.0 318.9 ± 39.8 264.4 ± 26.6 188.2 ± 20.6
3 435.6 ± 47.3 321.8 ± 39.9 266.8 ± 26.8 190.4 ± 20.6
4 437.8 ± 47.6 323.7 ± 39.8 268.4 ± 26.9 191.9 ± 20.8
6 441.0 ± 47.9 327.2 ± 40.0 271.2 ± 27.0 194.5 ± 20.8
8 442.8 ± 48.1 329.2 ± 40.1 272.9 ± 27.2 196.0 ± 20.6
10 444.4 ± 48.3 330.9 ± 40.2 274.6 ± 27.2 197.5 ± 20.6

Table A.3: E ′′ (mean ± SD) for all PVA(/gelatin) compositions tested between
0.5 Hz and 10 Hz.

E′′ (kPa)

Frequency (Hz) P10G0-A-C P10G0-A-NC P10G0-B-C P10G0-B-NC

0.5 48.8 ± 7.2 29.8 ± 3.6 31.9 ± 6.3 20.2 ± 2.9
1 46.9 ± 7.0 29.2 ± 4.2 30.4 ± 5.7 19.8 ± 2.6
2 43.8 ± 6.5 26.7 ± 4.3 29.6 ± 5.5 19.2 ± 2.6
3 42.2 ± 6.3 25.8 ± 4.4 29.5 ± 5.5 19.2 ± 2.6
4 41.3 ± 6.1 25.6 ± 4.5 29.7 ± 5.5 19.4 ± 2.5
6 40.7 ± 5.7 26.0 ± 4.6 30.8 ± 5.5 20.0 ± 2.5
8 41.1 ± 5.4 27.1 ± 4.7 32.1 ± 5.5 20.8 ± 2.5
10 42.4 ± 5.3 28.5 ± 4.8 33.7 ± 5.6 21.7 ± 2.6

Frequency (Hz) P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

0.5 34.0 ± 5.0 26.6 ± 4.1 31.0 ± 4.6 24.8 ± 2.8
1 33.1 ± 4.8 28.2 ± 4.3 31.4 ± 4.5 24.9 ± 2.8
2 32.2 ± 4.5 28.4 ± 4.3 31.9 ± 4.8 24.9 ± 3.1
3 32.2 ± 4.3 29.0 ± 4.2 32.6 ± 5.1 25.2 ± 3.3
4 32.7 ± 4.3 29.7 ± 4.2 33.5 ± 5.3 25.7 ± 3.5
6 34.7 ± 4.3 31.3 ± 4.2 35.3 ± 5.6 26.7 ± 3.6
8 37.0 ± 4.4 33.0 ± 4.2 37.2 ± 5.9 27.9 ± 3.7
10 39.5 ± 4.6 34.9 ± 4.3 38.9 ± 6.1 29.0 ± 3.7
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Table A.8: Constitutive parameters of stable hyperelastic models fitted to PVA/ge-
latin compression data for all PVA/gelatin cryogel compositions (mean ± SD)

FIRST ORDER OGDEN CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

µ1 (MPa) 0.0444 ± 0.0060 0.0374 ± 0.0042 0.0276 ± 0.0010 0.0227 ± 0.0025
α1 7.116 ± 0.528 6.553 ± 0.276 7.765 ± 0.493 7.311 ± 0.581

µ0 (MPa) 0.157 ± 0.016 0.122 ± 0.012 0.107 ± 0.009 0.083 ± 0.011
r2 0.9994 ± 0.0004 0.9988 ± 0.0008 0.9994 ± 0.0003 0.9988 ± 0.0008

NEO-HOOKEAN CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0239 ± 0.0029 0.0198 ± 0.0021 0.0152 ± 0.0007 0.0123 ± 0.0014
µ0 (MPa) 0.0479 ± 0.0059 0.0396 ± 0.0043 0.0304 ± 0.0014 0.0247 ± 0.0027

r2 0.9483 ± 0.0083 0.9505 ± 0.0032 0.9319 ± 0.0080 0.9329 ± 0.0151

SECOND ORDER REDUCED POLYNOMIAL CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0190 ± 0.0028 0.0162 ± 0.0019 0.0116 ± 0.0004 0.0096 ± 0.0011
C20 (MPa) 0.0076 ± 0.0012 0.0050 ± 0.0006 0.0060 ± 0.0011 0.0042 ± 0.0009
µ0 (MPa) 0.0380 ± 0.0056 0.0325 ± 0.0038 0.0231 ± 0.0008 0.0176 ± 0.0044

r2 0.9951 ± 0.0022 0.9929 ± 0.0023 0.9929 ± 0.0014 0.9912 ± 0.0030

YEOH CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0205 ± 0.0035 0.0180 ± 0.0024 0.0126 ± 0.0006 0.0108 ± 0.0014
C20 (MPa) 0.0015 ± 0.0028 −0.0015 ± 0.0019 0.0015 ± 0.0014 −0.0007 ± 0.0007
C30 (MPa) 0.0042 ± 0.0017 0.0044 ± 0.012 0.0032 ± 0.0006 0.0033 ± 0.0009
µ0 (MPa) 0.0410 ± 0.0070 0.0360 ± 0.0049 0.0252 ± 0.0012 0.0217 ± 0.0027

r2 0.9994 ± 0.0008 0.9984 ± 0.0009 0.9997 ± 0.0002 0.9985 ± 0.0007

FIFTH ORDER REDUCED POLYNOMIAL CONSTITUTIVE PARAMETERS

P9G1-A-C P9G1-A-NC P9G1-B-C P9G1-B-NC

C10 (MPa) 0.0218 ± 0.0044 0.0198 ± 0.0031 0.0133 ± 0.0008 0.0121 ± 0.0017
C20 (MPa) −0.0123 ± 0.0110 −0.0192 ± 0.0085 −0.0064 ± 0.0035 −0.0133 ± 0.0038
C30 (MPa) 0.0402 ± 0.0212 0.0484 ± 0.0168 0.0251 ± 0.0068 0.0355 ± 0.0083
C40 (MPa) −0.0343 ± 0.0174 −0.0407 ± 0.0140 −0.0217 ± 0.0058 −0.0303 ± 0.0071
C50 (MPa) 0.0110 ± 0.0052 0.0126 ± 0.0043 0.0072 ± 0.0019 0.0095 ± 0.0023
µ0 (MPa) 0.0435 ± 0.0087 0.0396 ± 0.0062 0.0265 ± 0.0017 0.0241 ± 0.0034

r2 0.9992 ± 0.0006 0.9985 ± 0.0007 0.9993 ± 0.0003 0.9981 ± 0.0005
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Appendix B
Appendix B includes supplementary data for Chapter 4 of this thesis. Listed in
order of appearance throughout Chapter 4, these include:

• The mean ϵθ and ϵr of the coronary media (Figure B.1) and coronary adventitia
(Figure B.2);

• σθ contour maps for Yeoh-modelled PVA/gelatin grafts (Figure B.3);

• The mean ϵθ and ϵr of PVA/gelatin graft media (Figure B.4) and PVA/gelatin
graft adventitia (Figure B.5).

Figure B.1: The mean ϵθ (top row) and ϵr (bottom row) of the coronary media
between 0–120 and 80–120 mmHg pressure. Dashed lines show the SD of each model.
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Figure B.2: The mean ϵθ (top row) and ϵr (bottom row) of the coronary adventitia
between 0–120 and 80–120 mmHg pressure. Dashed lines show the SD of each model.
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PG–1 PG–2

PG–3 PG–4

𝜎𝜃 (MPa)

Figure B.3: σθ contour maps of each PVA/gelatin graft using Yeoh parameters.
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Figure B.4: The mean ϵθ (top row) and ϵr (bottom row) of PVA/gelatin graft
media between 0–120 and 80–120 mmHg pressure, modelled using Ogden (solid lines)
and Yeoh (dashed lines) hyperelastic parameters. Error bars have been omitted for
clarity.

249



7 | GENERAL DISCUSSION AND CONCLUSIONS

Figure B.5: The mean ϵθ (top row) and ϵr (bottom row) of PVA/gelatin graft
adventitia between 0–120 and 80–120 mmHg pressure, modelled using Ogden (solid
lines) and Yeoh (dashed lines) hyperelastic parameters. Error bars have been omit-
ted for clarity.
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Appendix C
Appendix C includes supplementary data for Chapter 5 of this thesis. Listed in
order of appearance throughout Chapter 5, these include:

• The Python script used to generate sinusoidal interfaces in Abaqus
(Figure C.1);

• Example variation of lumen diameter with ϕ (Figure C.2);

• The circumferential displacement and stress profile of the tied surface model
at systolic pressure (Figure C.3);

• The contact pressure observed at the interface of rough friction and friction
coefficient models (Figure C.4);

• The circumferential composition of the IM and adventitia as a function of A
(Table C.1).
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from abaqus import *
from abaqusConstants import *
import numpy as np
import math

s = mdb.models[’Model -1’].ConstrainedSketch(name=’Sketch -1’,
sheetSize=20.0)

g, v, d, c = s.geometry , s.vertices , s.dimensions , s.constraints
s.setPrimaryObject(option=STANDALONE)

class Point:
def __init__(self , x=0, y=0):

self.x = x
self.y = y

def SineAroundCircle(cx ,cy,r,A,f,theta):
p = Point ()
p.x = cx+(r+A*np.sin(f*theta))*np.cos(theta)
p.y = cy+(r+A*np.sin(f*theta))*np.sin(theta)
return p

cx = 0
cy = 0
r = 1.815 # units mm
A = 0.1 # units mm
f = 10 # number of sine wave periods per 360 degree circle

pt= Point()
x,y = [],[]

for i in np.arange(1,361 ,0.5): # (start ,stop ,step); decrease step
value to increase number of
points/resolution of sine wave

theta = i*math.pi/180
pt = SineAroundCircle(cx,cy,r,A,f,theta)
x.append(pt.x), y.append(pt.y)

for i in range(len(x)-1):
if i == 0:

s.Line(point1=(x[0],y[0]), point2=(x[-1],y[-1]))
if i == 722: #Change i to the total number of points around the

circle (e.g. (1,361 ,0.5) =
722 points total)

s.Line(point=1(x[722],y[722]), point2=(x[0],y[0]))
else:

s.Line(point1=(x[i],y[i]),point2=(x[i+1],y[i+1]))

s.unsetPrimaryObject ()

Figure C.1: Custom Python script used to create a sinusoidal interface in Abaqus.
In this example, r = 1.815 mm, A = 0.10 mm and ω = 10.
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Figure C.2: Lumen diameter varies as a function of ϕ. In this example, r = 1.815
mm, A = 0.25 mm and ω = 10.
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𝑥𝜃 (mm) 𝜎𝜃 (MPa)

Figure C.3: xθ (left) and σθ (right) in the tied surface model (IM = P9G1-A-C,
adventitia = P9G1-B-NC) at systolic pressure. In the xθ plots, red and blue sig-
nify clockwise and anticlockwise displacement, respectively. In the σθ plots, tensile
stress concentrations are highlighted by black dotted circles and compressive stress
concentrations are highlighted by white dotted circles.

𝜇𝐹 = 0.04𝜇𝐹 = ∞
Contact 

Pressure (MPa)

Figure C.4: Contact pressures observed at the interface at systolic pressure for
rough friction and friction coefficient models.
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Table C.1: The areas of the IM and adventitia through circumferential segments
1–10 as a function of A.

A = 0.05 mm

Segment Total area of the IM (mm2) Total area of the adventitia (mm2)

1 0.078 0
2 0.083 0
3 0.087 0
4 0.092 0
5 0.079 0.018
6 0.018 0.083
7 0 0.106
8 0 0.111
9 0 0.116
10 0 0.121

1–10 (total) 0.437 0.555

A = 0.10 mm

Segment Total area of the IM (mm2) Total area of the adventitia (mm2)

1 0.078 0
2 0.083 0
3 0.087 0
4 0.091 0.002
5 0.063 0.034
6 0.035 0.066
7 0.002 0.105
8 0 0.111
9 0 0.116
10 0 0.121

1–10 (total) 0.439 0.555

A = 0.15 mm

Segment Total area of the IM (mm2) Total area of the adventitia (mm2)

1 0.078 0
2 0.083 0
3 0.087 0
4 0.079 0.013
5 0.058 0.039
6 0.041 0.061
7 0.015 0.091
8 0 0.111
9 0 0.116
10 0 0.121

1–10 (total) 0.441 0.552

A = 0.20 mm

Segment Total area of the IM (mm2) Total area of the adventitia (mm2)

1 0.078 0
2 0.083 0
3 0.084 0.003
4 0.068 0.025
5 0.055 0.042
6 0.044 0.058
7 0.029 0.077
8 0.004 0.108
9 0 0.116
10 0 0.121

1–10 (total) 0.445 0.550

A = 0.25 mm

Segment Total area the IM (mm2) Total area of the adventitia (mm2)

1 0.078 0
2 0.083 0
3 0.074 0.013
4 0.062 0.030
5 0.054 0.043
6 0.045 0.057
7 0.034 0.072
8 0.016 0.095
9 0 0.116
10 0 0.121

1–10 (total) 0.446 0.547
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