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Abstract

The ascending aorta is subject to high-pressure, pulsatile flow exiting the aortic valve from

the left ventricle. Biomechanical properties of the ascending aorta are responsible for two primary

objectives at each heartbeat: (1) distending and contracting to convert pulsatile flow into steady

flow, and (2) dissipating energy from the peak of flow to preserve the local vascular wall and pro-

tect peripheral vasculature and organs from damage. These objectives can be roughly attributed

to the elastic and viscous properties, respectively, of the viscoelastic aorta. Surgical intervention

is required in cases when the aortic wall is unable to maintain these responsibilities (aneurysm)

or eventually undergoes mechanical failure (dissection or rupture). Diseased tissue is traditionally

replaced by a textile vascular conduit known as Dacron. Although Dacron maintains long-term

patency in large arteries, its dissimilar mechanical properties to the surrounding tissue inhibit the

ascending aorta’s ability to fulfill its biomechanical objectives. Investigation into viable replace-

ments have largely focused on matching compliance (elasticity) of aortic tissue. This work examines

the use of poly(vinyl alcohol) cryogel (PVA-C) as a substitute material to mimic both the ascending

aorta’s elastic and viscous properties.

Various PVA-C compositions were formed for examination. Ascending aorta, PVA-C, and

Dacron underwent loading-unloading biaxial tensile tests, stress relaxation, and dynamic mechan-

ical analysis. Incremental modulus and energy loss were determined from biaxial tensile tests.

Fung’s quasi-linear viscoelasticity (QLV) theory was applied to stress relaxation curves and pa-

rameters determined. Complex modulus (E∗) and loss factor (tan δ) across [0.1 - 20] Hz were

assessed. Incremental modulus of 20% PVA-C matches aortic tissue at high (45%) strain. Energy

loss increased with PVA concentration and 10% PVA-C closely matched energy loss of healthy tis-

sue. Stress relaxation responses confirmed elastic and viscous parameters from biaxial tensile tests.

QLV parameters of PVA-C formulations were within range of healthy tissue, with 20% PVA-C

exhibiting the most resemblance. Magnitude and frequency-dependence of 15% PVA-C complex

modulus matched aortic tissue, while all PVA-C formulations were within range of loss factor in

healthy tissue of all frequencies tested. In all experiments, Dacron repeatedly exhibited increased

storage and loss moduli in comparison to the other groups. These data suggest PVA-C should be

considered in developing novel ascending aorta grafts that not only restore flow, but also rectify

their biomechanical functions.
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Résumé

L’aorte ascendante est sujette à un flux pulsatile à haute pression sortant de la valve aortique

par le ventricule gauche. Les propriétés biomécaniques de l’aorte ascendante sont responsables

de deux objectifs principaux à chaque battement de cœur: (1) se distendre et se contracter pour

convertir un flux pulsatile en flux constant, et (2) dissiper de l’énergie du pic du flux pour préserver

la paroi vasculaire locale et protéger le système vasculaire périphérique et les organes contre les

dommages. Ces objectifs peuvent être approximativement attribués aux propriétés élastiques et

visqueuses de l’aorte viscoélastique. Une intervention chirurgicale est nécessaire dans les cas où

la paroi aortique est incapable d’assumer ses responsabilités (anévrisme) ou subit éventuellement

une défaillance mécanique (dissection ou rupture). Le tissu malade est traditionnellement remplacé

par un conduit vasculaire textile appelé Dacron. Bien que le Dacron préserve une perméabilité à

longue durée dans les grandes artères, ses propriétés mécaniques dissemblables par rapport au tissu

environnant entravent la capacité de l’aorte ascendante à maintenir ses objectifs biomécaniques.

L’enquête sur les remplacements viables s’est largement concentrée sur lextensibilité correspondante

au tissu aortique. Cette thése étudie l’utilisation du cryogel d’alcool polyvinylique (PVA-C) comme

matériel de substitution pour imiter les propriétés élastiques et visqueuses de l’aorte ascendante.

Diverses compositions de PVA-C ont été formées pour cet examen. L’aorte ascendante, le

PVA-C et le Dacron ont subi des tests de traction biaxiale avec chargement et déchargement, une

relaxation des contraintes et une analyse mécanique dynamique. Le module incrémental et la perte

d’énergie ont été déterminés à partir d’essais de traction biaxiaux. La théorie de la viscoélasticité

quasi-linéaire (QLV) de Fung a été appliquée aux courbes et paramètres de relaxation de contrainte.

Le module complexe (E∗) et le facteur de perte (tan δ) à travers [0,1 - 20] Hz ont été évalués. Le

module incrémental de 20% PVA-C correspond au tissu aortique à une déformation haute (45%).

La perte d’énergie augmentait avec la concentration de PVA et 10% PVA-C correspondait à une

perte d’énergie similaire à celle d’un tissu sain. Les réponses à la relaxation de contrainte ont

confirmé les paramètres élastiques et visqueux des essais de traction biaxiale. Les paramètres QLV

des formulations de PVA-C se situaient dans la gamme des tissus sains, avec 20% PVA-C présentant

le plus de similitude. Dépendance de la magnitude et de la fréquence des tissus aortiques appariaient

avec un module complexe à 15% PVA-C, alors que toutes les formulations de PVA-C se situaient

dans la gamme du facteur de perte dans les tissus sains de toutes les fréquences testées. Dans

toutes les expériences, Dacron a présenté à plusieurs reprises des modules de conservation et de

perte accrus par rapport aux autres groupes. Ces données suggèrent que le PVA-C devrait être

pris en compte dans le développement de nouvelles greffes d’aorte ascendante qui non seulement

rétablissent le flux, mais également rectifient leurs fonctions biomécaniques.
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Chapter 1

Introduction

1.1 Motivation

The prevalence of cardiovascular disease has propelled scientific research, revolutionary design,

and surgical innovation in the field. The investigation of arterial tissue biomechanics has been of

particular relevance in classifying tissue viability over repeated cyclic stresses. Biomechanical pa-

rameters of arterial tissue have evolved as quantitative measures of pathophysiological progression.

These parameters will be used to describe the in vivo behavior of the ascending aorta. The aorta

is the largest blood vessel, delivering oxygenated blood to the circulatory system. The mechanical

properties of the ascending aorta determine its ability to withstand repeated stresses at high pres-

sure and to distend according to flow demands. Standard aortic replacement grafts poorly replicate

the native function of healthy tissue. While ideal artificial vessels will replace the biological and

biomechanical roles of dynamic, living tissue, the focus of this research is solely understanding the

mechanical behavior of aortic tissue and its viable replacements. Ex vivo tensile testing has been

widely used to examine biological soft tissues and material models have been developed accord-

ingly. These tools are implemented in the research presented here to evaluate human ascending

aortic tissue, commercial Dacron grafts, and a potential graft replacement designed from poly(vinyl

alcohol). The goal of this project is to develop a polymeric material that replicates both elastic

and viscous properties of native aortic tissue.

1.2 Objectives

The objectives of this research project are as follows:

Objective 1 To assess the viscoelastic properties of human ascending aorta through stress

relaxation and dynamic mechanical analysis (DMA).

Objective 2 To characterize poly(vinyl alcohol) cryogel (PVA-C) formulations based on elastic

and viscous properties.

1



These objectives guide the selection of a novel PVA-C formulation to serve as a material for

ascending aorta replacement.

1.3 Thesis Overview

Chapter 2 provides background of the cardiovascular physiology, with intimate focus on the

arterial wall’s structure as it relates to its function. Chapter 3 details a brief literature review

explaining the motivation for and previous approaches considered in designing a novel ascending

aortic graft. Bearing particular interest in this study, chemistry of poly(vinyl alcohol) is considered

to defend its use as a plausible graft replacement. Chapter 4 describes the experimental methods

of PVA-C formation and mechanical characterization protocols. Fung’s quasilinear viscoelasticity

(QLV) is introduced to characterize each material’s nonlinear viscoelasticity. Chapter 5 presents

the results from the biaxial tensile, stress relaxation, and frequency sweep tests. Estimations of

QLV model parameters are revealed and frequency-dependent behavior is evaluated. Chapter 6

details the significance of the main findings and discusses its contribution to the field in view of

current limitations. Future work is suggested. Chapter 7 offers closing thoughts.
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Chapter 2

Cardiovascular Physiology

This chapter presents an overview of the structure and function of the cardiovascular system.

Biomechanical aspects of the arterial wall are briefly discussed. Instances of aortic wall failure and

current interventional strategies are introduced.

2.1 Circulatory System

The circulatory system is a closed-loop consisting of blood vessels entering and exiting the heart.

The heart is a four-chamber pump divided into the right and left side. The right atrium receives

oxygen-deficient blood from the systemic circuit and the right ventricle pumps this blood through

the pulmonary circuit. The left atrium receives oxygen-rich blood from the pulmonary circuit

and the left ventricle pumps this blood through the systemic circuit. Figure 2.1 illustrates the

pulmonary and systemic circulations in relation to the heart’s two sides. The heart is responsible

for the transport of blood throughout the body. Blood not only transports oxygen required for

metabolism, but also delivers nutrients and removes metabolic waste. Gas exchange occurs in

capillaries where reduced blood pressure and flow permit nutrient transfer.

Figure 2.1: The pulmonary and systemic circuits in relation to the heart. Arrows indicate blood
flow direction. Colors denote oxygen concentration level [2].
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Blood vessels can be further categorized by their flow direction with reference to the heart.

Arteries carry blood away from the heart, while veins carry blood towards the heart. In the

systemic circulation, arteries transport oxygen-rich blood at high pressure and veins transport

oxygen-deficient blood at low pressure. Arteries evolve into arterioles and veins derive from venules

at increasing distance from the heart. Capillaries, as small as 10 μm, allow nutrients and metabolic

waste to be transported. Arterioles, therefore, are responsible for providing flow resistance not only

to facilitate transport in capillaries, but also to protect them from wall damage. Figure 2.2 shows

blood pressure levels as blood escapes the left heart and returns to the right heart.

Figure 2.2: Blood pressure drops along the systemic circulation. Colors denote oxygen concentra-
tion level [2].

Each vessel type supports a defined role in maintaining circulatory function. Arteries (buffer

vessels) relay high-pressure pulsatile flow from the heart, while arterioles (resistance vessels) mod-

erate flow to dampen oscillations as vessel diameter decreases. Conversely, venules and veins (ca-

pacitance vessels) serve as blood reservoirs, containing approximately 64% of the systemic blood

volume. Following capillary beds, veins are not equipped with the arterial high-pressure to drive

flow towards the heart. Valves ensure unidirectional flow in veins to compensate its low-pressure.

The aorta is the largest vessel in the body, initiating at the aortic root and ending at the il-

iac bifurcation. The thoracic aorta contains sections of the aorta maintained within the thoracic

region, namely the aortic root, ascending aorta, aortic arch, and descending aorta, identified in

Figure 2.3. The aortic root begins at the aortic valve and ends at the sinotubular junction. The

aortic arch distributes oxygenated blood to the brachiocephalic, left common carotid, and left sub-

clavian arteries, which transport blood to the head and arms. The descending aorta extends to

the diaphragm, from which the abdominal aorta begins. Arterial biomechanics, and more specifi-

cally, biomechanics of the ascending aorta are the focus of this thesis. To further elucidate arterial

biomechanical function, the wall microstructure must be considered.

4



Figure 2.3: Thoracic aorta physiology starts from the aortic valve and ends at the abdominal
aorta [91].

2.2 Arterial Wall Structure

The vascular wall is composed of three distinguishable layers: tunica intima, tunica media, and

tunica adventitia. While these layers are present in both arteries and veins, the arrangement and

relative amount of its constituents vary among vessel type. For the purpose of this study, only

arterial wall structure will be considered. Arteries can be subdivided into elastic and muscular.

Their subtle, yet discrete structural differences highlight their respective biomechanical functions.

Figure 2.4 portrays the constituents organized within each wall layer.

The tunica intima is the innermost concentric layer in contact with blood. It lines the vascular

wall with an endothelial cell layer over a thin extracellular matrix layer known as the basal lamina.

Structurally, its biomechanical influence on the global vascular wall is insignificant. However, the

endothelium releases vasoactive factors responsible for regulating vascular tone by vasodilation or

vasoconstriction [72, 175]. Furthermore, mostly present in large elastic arteries, the tunica intima

contains a subendothelial layer, composed of smooth muscle cells and a three-dimensional network

of collagen and elastic fibers [168]. The tunica media is the middle layer and usually the thickest of

the arterial wall layers, composed of smooth muscle cells, elastin, and collagen fibrils. The number

of elastic laminae decrease further along the arterial system, which differentiate elastic arteries

from muscular arteries. Collagen and smooth muscle cells are aligned circumferentially to provide

resistance to circumferential loads. Elastic arteries (conducting arteries) allow expansion and offer

elastic recoil, while muscular arteries limit expansion and promote vasoconstriction through in-

creased smooth muscle cell content. The tunica adventitia is the outermost layer of the vascular
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Figure 2.4: Schematic depicting arterial wall architecture. A = adventitia, M = media, I = intima.
Reproduced from [73] with permission of Royal Society.

wall, containing mostly collagen fibers, which provides stability to the distending structure. In

large elastic arteries, the adventitia constitutes 10% of the vascular wall, while it approaches half

of the vascular wall thickness in muscular arteries [168].

In summary, elastic arteries are closest to the heart and must have thick walls to withstand the

highest pressure in the circulatory system. Furthermore, they contain the highest amount of elastin

to allow radial expansion. On the other hand, muscular arteries contain more smooth muscle as

expansion is not critical at lower pressure. Elastic and muscular arteries share similar structures

and can sometimes be indistinguishable. Elastic arteries gradually transition into muscular arteries

as pressure decreases further from the heart.

2.3 Biomechanics of the Arterial Wall

Mechanical properties of composite materials reflect those of each of its components. The

relative composition and geometric arrangement of each constituent determine the local and global

properties of the arterial wall. Elastin, collagen, and smooth muscle are organized heterogeneously

within its three layers to maintain physical equilibrium and provide structural integrity with every

heartbeat. The arterial arrangement of all individual wall layers qualifies the constituted wall as

cylindrically orthotropic, by which circumferential and longitudinal properties are biomechanically

distinct [209].

The arterial structure sustains blood pressure by opposing forces [35] involved in allowing di-

ameter increase and maintaining resistive wall tension. Wertheim discovered of most biological soft

tissues that stiffness increases more rapidly than its elongation [211]. In 1880, Roy, by incremen-

tally increasing weights on strips of aortic tissue, confirmed that the arterial wall also deviates from

Hooke’s law [172]. Like Wertheim, he observed a hyperelastic stress response as strain increased.

In a no-load configuration (i.e. ex vivo), the arterial wall exhibits non-Hookean behavior at large
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strains. However, in the physiological pressure-diameter regime, the healthy arterial wall has been

estimated as a linear elastic material with negligible error [27, 63,118,160,181,184].

2.3.1 Elastin

Elastin is responsible for arterial’s distensibility at low strain. Purified elastic tissue adheres

to Hooke’s law until reaching its yield point. Uniaxial [78] and multiaxial [79] testing of purified

elastin networks from the porcine thoracic aorta reveals a linear relationship between stress (load)

and strain (elongation) for large deformations. Experiments on purified elastin rings from a porcine

thoracic aorta [125] and constitutive models of elastinous sheets and tubes [206] maintain this

linearity. Microscopic examination of arterial media, seen in Figure 2.5, reveals elastin is organized

in a spring-like structure, which stretches and recoils with each cardiac cycle. Elastin in arteries

stores elastic-strain energy, increasing efficiency of the circulatory closed-loop system [75].

Figure 2.5: Layers of wavy elastinous sheets in media of the ascending aorta. Scale bar represents
100 μm.

2.3.2 Collagen

The arterial wall’s nonlinear elasticity is attributed to the presence of collagen. Unlike elastin,

collagen exhibits an increased stiffness following a linear stress-strain relationship at low strains.

Its elastic modulus is orders of magnitude higher than that of elastin [35,75]. In a study by Roach

and Burton, the unique contributions of elastin and collagen in human iliac arteries were identified

when inactivated by trypsin and formic acid digestion, respectively [169]. Arterial elastic modulus

(stiffness) resembled that of elastin at low strains and that of collagen at high strains. The elastic

response of an elastin-collagen composite is illustrated in Figure 2.6.
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Figure 2.6: Isolated and compound tension-length curves of elastic and collagen fibers. Reproduced
from [35] with permission from The American Physiological Society.

The transition between these two regions in the curve represents the recruitment of collagen

fibers as strain increased. Thus, at physiological pressures, global load transfers from elastin to

collagen. At high pressures, collagen fibers are responsible for reinforcing the distending wall [176].

When arranged in parallel with elastin, the collagen network limits tissue deformation and protects

the weaker elastin network [75]. Microscopic examination of elastin and collagen organization

in porcine thoracic aortas during biaxial loading reveals fiber engagement transfers from elastin

to collagen around 20% strain [44]. All aortic diseases are accompanied with microstructural

alterations to the elastin or collagen fibers, which determine the vessel’s passive elasticity [194]. In

the same way, ageing has irreversible consequences on arterial stiffness through the loss of elastin

turnover [55, 95, 178].

2.3.3 Smooth Muscle

Smooth muscle contributes to passive tension of the vascular wall, but is mainly responsible for

vascular tone, or active tension in the wall. Activated smooth muscle increases tension at small

strains as compared to elastin and collagen alone [90]. At high strains, the non-linear tension caused

by elastin and collagen is preserved. Bank et al. isolated the effect of smooth muscle relaxation

on the brachial artery in vivo by administering nitroglycerin [20]. Relaxed smooth muscle resulted

in an increased compliance and decreased elastic modulus at physiological pressure. Increased

compliance was reproduced in the descending thoracic aorta of conscious dogs with intravenous

infusion of phenylephrine [21, 50]. Elastic modulus was found to increase with smooth muscle

activation. Armentano et al. estimated the contribution from elastin, collagen, and smooth muscle
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fibers to the wall mechanics of descending thoracic aortas in conscious dogs [12]. Total elastic,

viscous, and inertial moduli were quantified in the observed hysteresis loop using a constitutive

equation incorporating elastin, collagen, and smooth muscle, as well as nonlinear functions relating

muscle activation and collagen fiber recruitment. The effect of smooth muscle activation and

pressure on viscous modulus reveal that smooth muscle is responsible for the aortic wall’s viscous

behavior.

Roy utilized the term viscosity in his examination of arterial tissue to ascribe the material’s

elasticity ”after-action” [172]. This time-dependent phenomenon is evidenced in the tissue’s ability

to subside vibrations in a rapid manner. While viscosity in metals has been attributed to molecular

resistance, it was unknown if the law of molecular friction was applicable in nature. It is well

established that smooth muscle cells are the primary cause for viscosity in arteries [31,71,174,210].

Relative Composition in Arterial Tree

Elastin, collagen, and smooth muscle are distinct in their effect on the global arterial biome-

chanical properties. Accordingly, their relative composition and organized arrangement determine

the overall function of healthy tissue. Diseased tissue can be identified by its disproportional quan-

tity and compromised structural integrity of these three constituents. Microstructural composition,

and thus biomechanics, determines the tissue’s role in the arterial tree.

In the thoracic aortic wall, elastic fibers amount nearly half of dry weight [85]. This value

halves near the abdominal aorta [10, 68, 82], which substantiates the unique roles of each region

in the same vessel [180]. Collagen-to-elastin (C/E) ratio is an effective parameter associated with

vessel stiffness, typically increasing as diameter decreases [49,68]. The ascending aorta is the most

distensible and the carotid artery is the least distensible according to this ratio. The ascending

aorta expands to serve as a reservoir during systole, a phenomenon known as the Windkessel

effect [24]. The coronary artery, on the other hand, is subjected to repeated external stress from

the contracting myocardium and requires increased collagen to withstand these forces [68].

Along the aorta, smooth muscle concentration increases with distance from the aortic valve [10]

and performs work to dissipate mechanical energy from the heart muscle [160]. Biomechanical

characterization confirms viscous constants are associated with relative amounts of smooth muscle

[14, 30, 32]. There is a competitive balance between elastic and viscous moduli along the arterial

tree depending on the tissue’s role in efficiently transporting blood from the heart.

2.4 Thoracic Aortic Wall Failure

2.4.1 Thoracic Aortic Aneurysm

A thoracic aortic aneurysm, most common in the aortic root or ascending aorta, is an enlarge-

ment of the aortic diameter as a result of a weakening wall caused by genetic factors, atherosclerotic

disease, or mechanical forces. Smoking, hypertension, and age are risk factors in addition to con-

nective tissue disorders. Marfan syndrome causes cystic medial degeneration, characterized by a
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deterioration of elastic fibers, a decrease in smooth muscle cells, and an increase in collagen content.

Similarly, Loeys-Dietz syndrome leaves children at risk to aortic aneurysms from connective tissue

defects [126]. Aneurysms are associated with decreased elastin and smooth muscle cell content [80]

and increased collagen content [89]. As dilation (radius) increases, wall tension increases propor-

tionally according to Laplace’s law for a cylindrical vessel. Thus, larger aneurysms grow faster

than smaller ones and should be monitored closely to avoid rupture. Thoracic aortic aneurysms are

largely asymptomatic, oftentimes only recognized on a routine radiographic examination. In some

cases, pseudoaneurysms (false aneurysms) may form in cases when a hematoma develops through

the aortic wall without altering the aortic lumen.

2.4.2 Aortic Dissection

Aortic dissections, 65% of which initiate in the ascending aorta, are an acute syndrome where

a dissection plane is present in the aortic wall, generating a false lumen [34]. Whether caused

by an initial tear in the intima or a vasa vasorum rupture in the media, aortic dissection is an

example of intimal failure. Approximately 75% of dissecting aortas experience hypertension [34].

Chronic hypertension increases aortic wall shear stress and initiates intimal thickening adaptations.

Conversely, arterial stiffness has been considered a primary cause of hypertension [155] and the

pathogenic process is still under debate [141]. However, those with hypertension do not usually

experience extensive aortic dilation or suffer aortic dissection, suggesting that hypertension is not

the sole cause. As with thoracic aortic aneurysms, genetic disorders must also be considered in the

pathogenesis of dissection. Aortic dissection compromises flow to the arteries proximal to the tear

and may cause ischemia of the myocardium, kidneys, mesentery, brain, and spinal cord. Aortic

dissection may be associated with other complications such as a developing aneurysm or aortic

regurgitation, which may be the result of valve insufficiency or false lumen propagating through

the aortic root.

2.5 Surgical Interventions

Several procedures have been developed to replace the failed aortic segment with a vascular

prosthesis. The following section provides a brief overview of the common surgical treatments of

the thoracic aorta.

2.5.1 Aortic Root Reconstruction

Although aortic valve replacement (AVR) will not be discussed in depth, aortic root reconstruc-

tion may include replacement of the aortic valve. However, if valve insufficiency (regurgitation) is

caused only by root dilatation, the leaflets can be spared and root replaced.
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Valve-Sparing Procedures

In cases when the aortic valve is healthy, a replacement graft may be placed in the aortic root

position. There are currently two main procedures where this is executed. The David Procedure

reimplants the native valve with a graft to permanently stabilize the annulus and prevent further

aortic dilation. The Yacoub Procedure, on the other hand, preserves the natural valve commissures

and remodels the graft around the root. This remodeling technique conserves mobility of the

annulus. In both cases, coronary buttons are sewn directly into the vascular prosthesis. For a

clinical comparison of the two procedures, the reader is directed to [121,188].

Figure 2.7: Valve-sparing aortic root procedures. (a) Isolated aortic valve with coronary buttons.
(b) David Procedure (Reimplantation). (c) Yacoub Procedure (Remodeling). Reproduced from
[117] with permission from John Wiley and Sons.

Valve-Replacing Procedure

For compound failure of the aortic valve and root, a composite repair is required. In the case of

the modified Bentall procedure, a Dacron tube equipped with a prosthetic aortic valve is sewn into

the aortic root position [25]. A pulmonary autograft alternative, known as the Ross procedure, was

introduced in 1967 [171]. The procedure replaces the aortic root with the patient’s own pulmonary

root. The pulmonary root is then replaced with a cryopreserved cadaver allograft. The motive

behind this procedure is to maintain a dynamic, living substitute in the aortic position to foster

adaptive mechanisms for withstanding pressure during ventricular ejection. Furthermore, biological

valves do not require anticoagulation agents as with mechanical prostheses. The procedure has been

criticized for its complexity, which escalates an aortic disease to a potential comorbidity and the
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need for reoperation [41,54,116]. Long-term results of the Ross procedure support its superior valve

hemodynamics to conventional AVR [196], and improved quality of life and survival to homograft

replacement [64].

2.5.2 Other Thoracic Aorta Reconstructions

The ascending aorta, aortic arch, and descending thoracic aorta may require reconstruction

in the event of an aneurysm or dissection. In a similar fashion to aortic root reconstruction,

diseased tissue is resected and replaced with a vascular prosthesis, usually a polyester or polyte-

trafluoroethylene graft. Thoracic endovascular aortic repair (TEVAR) is a possible non-invasive

alternative to correct malperfusion. Although stent grafts are primarily employed in the abdom-

inal aorta, these devices have been utilized in the descending thoracic aorta [4] and recently, the

ascending aorta [18, 170].

2.6 Concluding Remarks

Vascular implants replace diseased vessels to restore its primary function: delivering blood to

tissue. However, understanding the vascular tissue structure and its mechanical properties are

necessary in comprehending its essential biomechanical functions. Arteries display unique hetero-

geneity associated with its organized structure, manifesting in anisotropy, circumferential compli-

ance, and viscoelasticity. The success of any vascular implant depends on its ability to mimic a

dynamic, healthy vessel. Ideally, vascular substitutes should replicate both biological and mechan-

ical characteristics of native tissue. Unfortunately, current vascular prostheses have been found to

cause hemodynamic irregularities, biomechanical discontinuities, and vascular complications. In

the following chapter, the disparity between native aortic tissue and its replacement, Dacron, will

be elucidated.
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Chapter 3

Literature Review

This chapter aims to provide the reader a brief overview of the consequences of current vascular

prostheses, the state of novel design in ascending aortic grafts, and motivation for the synthetic

material presented in this thesis.

3.1 Dacron

The aortic wall is dynamic and living, with a refined set of mechanical properties necessitated

by its function. The role of the local aortic wall tissue is determined by its proximity to the aortic

valve, the optimal hemodynamics for cardiac efficiency, and current physical demands. An ideal

prosthetic material is able to replace all functional properties of native healthy tissue. From a

mechanical standpoint, the ideal graft mimics the anisotropy, viscoelasticity, hyperelasticity, and

internal residual stresses of the adjacent tissue. Furthermore, the prosthesis must be biocompatible,

inert, thromboresistant, and porous [77].

The first clinical use of a porous cloth as an arterial prosthesis was placed in the abdominal aorta

of dogs [200]. Blood loss through the cloth mesh was surprisingly minimal. Bleeding ceased after

30 seconds of withstanding arterial pressure. Autopsy revealed that the prostheses were enveloped

in scar tissue comprised of fibroblasts and collagen fibers. Fabrics, including Nylon, Teflon, and

Dacron, have since been implemented as viable arterial prostheses [56, 83, 162]. Dacron was found

to be the most clinically efficient due to its reduced failure incidence and mortality rates. Dacron

grafts were shown to sustain long-term patency and maintain sufficient durability [57]. Dacron

prostheses are still widely used. However, Dacron graft implantation has caused detrimental effects

due to its mechanical disparity with native arterial tissue.

Unlike the aortic wall, Dacron grafts maintain static mechanical properties to provide a conduit

for blood. While the graft is successful in restoring flow, its implementation into the aortic column

yields sub-optimal functionality in preserving natural hemodynamics, reducing wall stresses, and

adapting to current physical demands.
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3.1.1 Mechanical Disparities

Dacron grafts exhibit noticeable structural differences from aortic tissue. Dacron grafts are 75%

thinner with well-defined corrugations along the longitudinal direction to increase axial distensibil-

ity and prevent bending. The aortic wall is comprised of three distinct layers, while Dacron is a

woven or knitted fabric. Unsurprisingly, these structural differences yield contrasting mechanical

performances. At physiological strain, Dacron is approximately 24 times stiffer than healthy as-

cending aorta [191]. In accordance with its increased stiffness, Dacron exhibits reduced compliance

(circumferential distensibility) [84,108,187,202]. Dacron’s exceedingly high circumferential stiffness

also results in its increased anisotropy (directional dependency) when compared to healthy ascend-

ing aorta [191] and iliac artery [120]. According to Hasegawa and Azuma, both circumferential

and longitidunal relaxation strengths match that of the ascending and proximal thoracic aorta [84].

The viscoelastic behavior, or energy-dissipating capacity, of Dacron closely resembles the proximal

aorta in this study. This study, however, revealed only normalized stress relaxation values. Cir-

cumferential stretch during the stress relaxation tests were 50% and 10% for arteries and grafts,

respectively. The different stretch values for these tests makes the comparison ambiguous. Lee et

al. determined stress relaxation behavior of arterial tissue and vascular grafts by accounting for

equal load, as opposed to strain [120]. Dacron grafts displayed much more relaxation than iliac

arteries. It is important to note that elastic and viscous components of a material are not indepen-

dent of one another, making this assessment unclear. Recent investigation of woven Dacron aims

to explain the role of viscoelasticity on in vivo dynamics [8, 195]. Understanding of Dacron graft

viscoelasticity and its unique effect on hemodynamics is limited and warrants further study.

Dacron grafts expand after initial placement in the thoracic aorta with a distinct early and

late growth rate, mimicking a typical creep response of polymers. In the ascending aorta, grafts

dilate 17% within a week following implantation, with smaller diameter grafts experiencing higher

diameter increase [67]. While the graft seems to adapt to the aorta’s geometry and hemodynamic

demands through structural changes, its pre-implant circumferential mechanical properties are

maintained. This was evidenced in a case study of a woven double-velour Dacron graft explanted

after 27 years [147]. Dacron grafts compromise dissimilar mechanical properties for long-term

strength and durability. Graft insertion creates discontinuity in the mechanical response of the

entire vessel wall, precipitating in abnormal hemodynamics and shear stresses.

3.1.2 Hemodynamic Consequences

To understand the effect of compliance mismatch in the thoracic aorta, it is essential to revisit

the concept of Windkessel. The Windkessel effect refers to the ability of large elastic arteries to

store blood during systole by distending under high pressure. As blood pressure decreases during

diastole, these arteries recoil at a rate determined by its previous distension. In this respect,

the aorta itself can be considered a capacitor, which stores and releases energy provided by the

heart pump. The capacitance is directly related to the vessel’s compliance. This phenomenon

is responsible for preserving continuous flow to organs, despite the heart’s pulsatility. It reduces
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systolic pressure, which effectively decreases left ventricular afterload. It improves coronary flow

and myocardial perfusion during diastole [24]. Implementation of an aortic graft diminishes the

vessel’s capacitance, predictably causing the Windkessel’s hemodynamic benefits to decline.

Aortic banding was performed in swine to reduce compliance without introducing an anastomo-

sis or altering the aortic wall geometry. This resulted in an increase of systolic pressure and pulse

pressure [99]. Heart rate increased in the two days following operation in order to maintain both

cardiac output and normotension. Immediately following a considerable decrease in compliance,

characteristic impedance increased dramatically. Characteristic impedance (Zc), a ratio of forward

propagating pressure to flow, is inversely related to the square root of compliance (C):

Zc =

√
ρ

A

1

C
(3.1)

where c represents wave speed, ρ represents blood density, and A represents the vessel’s cross-

sectional area. Compliance (C) is the ratio of change in cross-sectional area (A) and change in

transmural pressure (p).

C =
δA

δp
(3.2)

However, while compliance recovered slightly in the days following aortic banding, characteristic

impedance did not. Pulse wave velocity (c) is related to the characteristic impedance by the

following equation:

c =
Zc ·A

ρ
(3.3)

=

√
A

ρC
(3.4)

Moens-Korteweg formula has estimated this parameter (PWV ) with respect to circumferential

incremental elastic moduli (Einc), a biomechanical measure of stiffness at an instantaneous strain.

PWV =

√
Einc · h
2rρ

(3.5)

where h represents wall thickness, r represents vessel radius, and ρ represents blood density.

As characteristic impedance increases, so does the pulse wave velocity. This, in turn, reduces

the return time of waves reflected at the iliac bifurcation and by the periphery, seen in Figure 3.1.

Reflected waves arrive at the aortic root earlier. These hemodynamic alterations are revealed in

the aortic pressure waves, which exhibit a delayed systolic peak and amplitude increase. The pulse

pressure increase is due not only to superposition of the forward and earlier reflected wave, but also

due to the individual increase in amplitude of each wave. This study in swine confirmed that the

majority of systemic compliance is within the proximal thoracic aorta. This is not surprising given
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the role of large elastic arteries in contrast to the rest of the systemic circulation. For this reason,

increases on pulse pressure and characteristic impedance become more pronounced when the graft

is placed closer to the heart [9, 199].

Figure 3.1: Faster reflecting wave results in increased systolic pressure, increased pulse pressure,
and decreased diastolic pressure. Adapted from [1] and [104].

The effect of reduced compliance on pulse pressure and characteristic impedance can be wit-

nessed immediately post-operation. Over time, these have deleterious consequences on cardiac

pumping efficiency. Specifically, the increase in systolic pressure elevates afterload, the required

pressure needed to eject blood [100,107,131,146,197]. Aortic graft compliance mismatch increases

during exercise. Under increased cardiac output, the aorta’s Windkessel function is especially vital.

Furthermore, patients with grafts experienced much less reduction in peripheral pressure wave re-

flection during exercise [109]. The left ventricle must overcome a higher input threshold to achieve

the same cardiac output, resulting in hypertrophy over time. Left ventricular hypertrophy is a

thickening of the left ventricle walls as muscle tissue enlarges. As a result, the left ventricle loses

elasticity and may be unable to pump sufficient blood volume to meet body’s demands.

Compliance reduction has also been associated to poor coronary perfusion [152, 205]. Roughly

80% of coronary perfusion occurs during diastole [43]. Poiseuille’s law states that flow through a

cylindrical pipe is proportional to a pressure drop. This premise provided the basis for coronary

perfusion pressure (CPP), a quantity describing the pressure gradient between the aortic diastolic

pressure and left ventricular end diastolic pressure. Arterial compliance reduction is known to cause

an immediate increase in systolic blood pressure, but also sacrifices diastolic pressure over time [93].

This is due to the lack of stored energy within the aorta during diastole. An analysis of the effects

caused by increased pulse wave velocity and earlier wave reflections also reveal a decrease in CPP.

16



In healthy coronary artery hemodynamics, wave reflections decrease the impedance and facilitate

flow [218]. Premature wave reflection and higher pulse pressure are linked to coronary artery dis-

ease [88, 207]. Surprisingly, in vivo subendocardial blood flow increases with a decrease in aortic

compliance, despite a decrease in the coronary perfusion pressure. Vascular tone adjusts endocar-

dial blood flow as myocardial oxygen consumption increases. Therefore, an increase in endocardial

blood flow does not imply improved coronary perfusion, but rather suggests mild ischemia in the

subendocardium [152]. The endocardial/epicardial flow ratio, found to be a more suitable measure

of myocardial blood distribution, has been shown to decrease with aortic compliance reduction.

Coronary diastolic/systolic flow ratio decreased during increased ventricular contractility. An in-

crease in coronary flow during systole impairs overall coronary perfusion due to the intramyocardial

compressive forces [103].

The hemodynamic consequences presented here are a result of reduced compliance, and can

also therefore be expected with aging and arterial stiffness. With this in mind, the compliance of

a Dacron graft resembles that of a diseased artery at supraphysiological proportions. It induces

coronary artery disease, despite the lack of a coronary artery stenosis. Yet, it is considered the

gold standard of thoracic aorta reconstruction. One can expect these effects to become pronounced

with proximity to the heart and quantity implanted. Beyond the hemodynamics, the Dacron graft

prosthesis has detrimental effects on the surrounding wall tissue.

3.1.3 Anastomoses

Compliance mismatch and wall thickness discontinuity at the anastomosis generates flow distur-

bances and abnormal stress concentrations. Mathematical models of synthetic graft implantation,

not accounting for remodeling, calculate circumferential stress concentrations at the suture line,

contributing to possible anastomotic rupture [19, 37, 156]. The suture-line is a site of injury, and

remodelling is to be expected as a result of the healing process [7]. Intimal thickening occurs when

vascular smooth muscle cells proliferate in the intima layer, reducing lumen area and introducing

flow disturbances. The influence of Dacron graft implantation on subsequent intimal hyperplasia

is still under question. In end-to-end anastomosis of dog femoral arteries, intimal thickening de-

veloped, despite both ends holding similar compliance [101]. Flow patterns revealed that intimal

thickening is determined by local wall shear stresses [114, 145], and initiates near the point of flow

separation [101]. Intimal thickening has also been observed near moderate stenoses, where flow

separation occurs despite the absence of an anastomotic joint [22]. Still, analysis of end-to-side

anastomosis in dogs revealed a larger increase in maximal intimal thickness at the suture line when

using a polytetraflouroethylene (PTFE) graft than when using a more compliant vein graft [23].

This seems to suggest that the vascular healing response may correspond to compliance mismatch.

However, the hemodynamic variability between end-to-side and end-to-end geometries limit their

comparability. In an end-to-end anastomotic model, the effect of compliance mismatch was inves-

tigated in the common iliac artery of dogs by banding to preserve vessel geometry. The compliance

mismatch exposed negligible effect on intimal thickening in banded and control vessels. Graft
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anastomosis in the femoral artery induced near-occlusive neointimal hyperplasia [154]. Therefore,

compliance mismatch is not solely responsible for intimal thickening, at least in end-to-end anas-

tomoses. It seems that the use of sutures is required to induce significant intimal hyperplasia. A

similar experiment was conducted with external Dacron meshes of autologous venous grafts used

in femoropopliteal reconstruction (end-to-side) in sheep. Compliance mismatch introduced intimal

hyperplasia in the distal anastomosis [193]. Flow measurements identified regions of flow reversal

did not necessarily correlate with intimal hyperplasia in those regions, but with the overall incidence

of intimal hyperplasia. When comparing between graft-artery anastomoses types, graft compliance

holds significant influence on maximum stress concentrations only in end-to-side anastomoses [19].

In end-to-end anastomoses, flow separation and corresponding low wall shear stresses are prominent

factors in intimal thickening.

The wall shear rate distribution in an end-to-end anastomosis model was determined to investi-

gate the role of hemodynamics in the development of intimal hyperplasia. In a diameter mismatch,

shear rate elevates at the proximal anastomosis of the smaller graft and diminishes to nearly zero

at the distal anastomosis. In a compliance mismatch, shear rates also decrease at the distal anas-

tomosis [167]. Intimal hyperplasia initiates in regions of flow separation and recirculation zones,

which occur at the distal anastomosis [185]. This work suggests that compliance mismatch is a

factor in intimal thickening due to its geometric effect on wall shear rate, rather than its mechanical

disparity. Nonetheless, it is imperative that vascular grafts match both compliance and diameter

to limit flow disturbances.

3.1.4 Long-Term Failure

Compliance mismatch also plays a role in long-term patency and viability in vivo. Reduced

compliance has been related to diminished vascular patency over time, even with optimal flow

surfaces [3, 165]. In addition to intimal thickening, thrombosis and endothelial cell damage can

transpire through platelet interactions with the prosthesis [29,81]. Stress concentrations, caused by

compliance mismatch, may induce anastomotic pseudoaneurysms through progressive damage of the

adjacent wall [136,190]. Efforts have been made to minimize the anastomotic compliance mismatch

by adjusting suture materials and surgical techniques [189]. However, improving flexibility at the

anastomosis does not rectify the inherent microstructural and biomechanical differences between

graft and artery. Decreased graft compliance is not always compensated by increased durability.

While mechanically capable to withstand forces of the vascular wall, grafts may still fail at the

suture line where stresses are highest. Coincidentally, increasing graft compliance will decrease

these anastomotic stress concentrations.

Suture line mismatch is not the only mechanism by which large-diameter grafts fail. Grafts

can experience uncontrolled dilatation and fiber deterioration [28, 161]. Individual fibers within

the textile graft experience creep over time, reducing their initial resistance to tension. In some

cases, pseudoaneurysms and non-anastomotic rupture of the Dacron graft can occur [105,106,214].

Fatigue failure, while seldom, is often unpredictable [52].
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3.2 Novel Vascular Graft Design

When compared to aortic vascular grafts, the significant decrease in patency of small-diameter

synthetic grafts (<6 mm diameter) [3] have motivated the search for more suitable options [77].

Current vascular grafts are biocompatible and resistant to fatigue, but mechanical properties of

polyethylene terephthalate (PET) or expanded polytetrafluoroethylene (ePTFE) differ vastly from

those of healthy arteries. Although viable in large-diameter vessels, the mechanical disparity is

pronounced in small-diameter vessels. New tissue engineering strategies and compliant polymers

have been considered to correct this major drawback.

3.2.1 Tissue Engineering

A perfect vascular graft replaces a diseased vessel with a biologically and mechanically healthy

vessel. Due to the low patency rate of small-diameter synthetic grafts, the gold-standard replace-

ment in coronary or peripheral bypass surgeries are autologous grafts. A tissue-engineered vascular

graft (TEVG) aims to reproduce autologous grafts through the use of biodegradable scaffolds seeded

with vascular cells. For this reason, TEVGs are sometimes considered tissue-engineered blood ves-

sels (TEBVs). Unlike current vascular grafts, TEVGs are expected to remodel in vivo so that they

become biologically, mechanically, and hemodynamically invisible to adjacent tissue [157].

In 1986, Weinberg et al. used a Dacron mesh as a platform to seed bovine endothelial cells,

fibroblasts, and smooth muscle cells on a collagen matrix [208]. Since then, novel polymers have

been utilized as mechanically stable scaffolds to mimic the complex multi-layered arterial struc-

ture. Hibino et al. developed a biodegradable composite scaffold of polyglycolic acid (PGA),

poly-ε-caprolactone (PCL), and poly-L-lactide (PLLA) to demonstrate long-term patency [92]. Au-

tologous bone marrow-mononuclear cells aspirated from the anterosuperior iliac spine were seeded

onto the composite scaffold and implanted as extracardiac cavopulmonary conduits for young pa-

tients with single ventricle physiology. Regenerative and adaptive TEVGs maintain strong appeal

in treating congenital heart disease in patients with young, maturing, low-pressure vessels. In

this first human trial, some grafts experienced stenosis, but were rectified following percutaneous

angioplasty. Histopathologic examination at midterm follow-up revealed endothelialization and

scaffold degradation [179]. Long-term follow-up revealed patency at 6 years, with 40% of patients

not receiving any anticoagulant medication. While this study demonstrates long-term feasibility

of TEVGs in humans, these results cannot be translated to vessels under high pressure. The slow

tissue formation rate lags behind scaffold degradation and results in loss of mechanical support

over time.

Preconditioning TEVGs using mechanical stimulation in vitro from bioreactors have been

considered to accustom both the synthetic scaffold and seeded cells to physiologically relevant

stresses [150]. In the right saphenous artery of Yucatan miniature swine, autologous grafts that

underwent mechanical stimulation remained patent for 4 weeks, while those prepared under static

conditions developed thrombosis after 3 weeks [149]. In an effort to limit TEVG manufacturing
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time, TEVGs can be prepared by decellularizing a biodegradable PGA scaffold previously seeded

with smooth muscle cells and extracellular matrix proteins [163]. The decellularization process pre-

serves vessel geometry, biological structure, and mechanical stability, while limiting immunogenicity

introduced by foreign cells. These decellularized TEVGs showed patency rates above 80% as murine

aortic interposition grafts [163], porcine carotid artery grafts [164], canine coronary artery bypass

conduits, and baboon arteriovenous fistulas [51]. These TEVGs displayed significant remodeling to

match the tissue structure of adjacent vessels. Anastomotic intimal hyperplasia was dramatically

lower as compared to current vascular grafts. Explanted TEVG segments did not experience any

loss in suture strength, burst pressure, or compliance. Biodegradable PGA scaffolds coated with

poly-4-hydroxybutyrate were seeded with myofibroblasts and implanted in the main pulmonary

artery of growing lambs [94]. The implanted TEVGs grew in diameter and length as animals

increased body weight. Biodegradable polymers are reasonable scaffold materials in developing

TEVGs that can adapt over time. This ability to remodel separates TEVGs from current grafts,

which aim to remain inert and sustain their mechanical properties. Even so, polymeric scaffolds

are not necessary to produce a biological vascular graft.

L’Heureux et al. demonstrated that a complete human blood vessel can be formed in vitro

[122–124]. These vessels are completely biological and hold burst pressure of the internal mammary

artery and match compliance of the human saphenous vein. Other methods of producing completely

biological, but acellular, vascular conduits have also been developed. Boland et al. formed vascular

scaffolds by electrospinning collagen and elastin [33]. Multiple layers of different collagen/elastin

compositions attempt to replicate the physiological, three-dimensional protein distribution of the

extracellular matrix.

3.2.2 Synthetic Polymers

Synthetic scaffolds alone have also been reviewed as a viable option. Cell harvesting introduces

infection risk and can be a limiting factor for patients without sufficient cell volume. Furthermore,

the time required to culture cells necessary for seeding prevents its ready availability, even for decel-

lularized scaffolds. A small-diameter tubular scaffold composed of PGA knitted fibers, PLLA/PCL

sponge, and PGA/PCL reinforcement was implanted in the canine inferior vena cava [134] and

pulmonary artery [133] for 12 months. In both cases, there was no stenosis nor thrombosis. There

was no significant difference in elastin content between the graft and native vessel. A similar graft

compounded with collagen was implanted in the carotid artery of dogs [215]. Incorporating collagen

increased the number of adhered cells in vivo and promoted tissue infiltration. After 12 months

in vivo, the graft exhibited similar tensile modulus, tensile strength, and collagen content of the

native artery.

There has been investigation in other synthetic polymers that offer more compliance than cur-

rent grafts composed of PET or ePTFE. Tai et al. developed compliant poly(carbonate)polyurethane

(CPU) grafts by cast coagulation on a rotating steel mandrel [187]. Under a pulsatile flow circuit,

when compared to Dacron and ePTFE, the CPU vascular graft exhibited a closer compliance and
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stiffness to human muscular artery. Compliance mismatch increased at higher physiological pres-

sures, for which the CPU graft was not intended. The use of particular polymers or manufacturing

processes cannot be easily translated across various diameters and pressures. For example, elec-

trospun nanofibrous PLLA grafts were too stiff compared to ovine femoral [17] and human carotid

and femoral arteries [6].

It can be difficult to find a synthetic polymer that exhibits the arterial viscoelastic characteris-

tics. Lee et al. constructed polyurethane grafts by aligning fibers at various angles [120]. Relaxation

rates of these grafts relied heavily on the fiber orientation. A similar graft was also found to be

more viscous than canine carotid arteries, but resembled closely the frequency-dependent viscosity

of femoral arteries [96].

The low rate of large-diameter graft-related complications have prioritized the innovation of

novel and compliant grafts for small-diameter vessels. However, the compliance mismatch in large-

diameter vessels necessitates similar breakthroughs. There have been very few advances in large-

diameter vascular grafts. De Paulis et al. adapted a woven Dacron graft to incorporate a three-layer

structure to improve blood impermeability [58]. However, introducing an outer layer of ePTFE

resulted in an even stiffer graft. New polymers must also be considered for large-diameter vascular

grafts where patency should not be the sole concern. Compliance mismatch at high pressures lead

to consequences downstream of the systemic circulation.

3.3 Poly(vinyl Alcohol)

Poly(vinyl alcohol) (PVA) is a biocompatible polymer of interest in biomedical applications

due to its ability to reproduce the hyperelastic stress-strain response observed in most biological

tissues. Much research has been conducted to explore production methods to modify its mechanical

behavior for particular applications. The mechanical versatility and ease of manufacturing of this

polymer make it a viable candidate in investigating new vascular prosthetic materials.

3.3.1 Cryogel Preparation

When crosslinked, PVA can form a hydrogel of desired geometry and mechanical properties.

Crosslinking can be induced chemically via toxic agents like formaldehyde and glutaraldehyde [97].

Alternatively, PVA can be chemically crosslinked through radiation or electron beam to avoid

toxicity and bioactivity within the resulting matrix [132]. The third preparation method gener-

ates crosslinks through crystallite formation. These physical crosslinks exhibit higher mechanical

strength than chemical crosslinks due to the crystallites’ three-dimensional structure [86]. Aqueous

PVA solutions can achieve crystallite formation through heat treatment. The first use of freeze-thaw

cycles to form PVA hydrogels was reported in 1975 [159]. Hydrogels prepared through repeated

cycles of freezing and thawing are termed cryogels.

In the pioneering study by Peppas, crystallite formation correlated with initial PVA concentra-

tion, freezing time, and thawing time [159]. Since then, many efforts have been made to understand
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crystallite formation and characterize these gels according to various processing parameters. PVA,

seen in Figure 3.2a, contains a hydroxyl group that permits hydrogen bonding when dissolved in wa-

ter. Thermal cycling induces phase transitions which generate and restructure crystalline domains

along the polymer chains. When the aqueous solution is frozen, water freezes and creates regions

of high polymer concentration, shown in Figure 3.2b. Crystallites form in these regions, while

pores form in areas of low polymer concentration [216]. Upon thawing, a PVA cryogel (PVA-C)

is formed. Each instance of freezing and thawing constitutes a freeze-thaw cycle (FTC). Repeated

FTCs reorganize the amorphous polymer matrix during crystallization. Conditions of the FTCs

determine the final polymer structure. Some of these conditions include the freezing and thawing

temperatures, holding times at these temperatures, freezing and thawing rates, and the number

of cycles [203]. As these cryogels closely mimic the mechanical behavior of biological tissues, the

effect of these processing parameters on non-linear elasticity and tensile strength are particularly

relevant. Using a modified Mooney-Rivlin strain energy function, Pazos et al. correlated cryogenic

treatment parameters to material model coefficients [158].

(a) (b)

Figure 3.2: (a) Hydroxyl group [OH−] in PVA facilitates hydrogen bonding. (b) PVA crystallites
form in polymer rich regions and pores form in polymer poor regions. Reproduced from [59] with
permission from Springer Nature.

PVA Concentration

Higher concentrations produce gels with higher levels of crystallinity due to the increased

presence of hydroxyl groups. Cryogels produced with higher concentrations had lower degrees

of swelling, suggesting decreased porosity and increased crosslinking [87, 192]. The formation of

crosslinks provides rigidity to the cryogel, which derives from an aqueous solution. The increase

in crosslinks, therefore, should improve cryogel stability. Increases in PVA concentration result in

reduced compliance and increased cryogel elastic modulus [127,204].

Viscoelasticity in polymers is associated wtih resistance to chain rearrangement. Under com-
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pression, stress relaxation rate and creep increases with increasing polymer concentration [204].

The amount of stress relaxation increases with decreasing polymer concentration [111]. The effect

of PVA concentration on the cryogel’s viscosity is difficult to assess since polymer concentration

also affects its elasticity.

Freezing and Thawing Temperatures

During freezing, PVA solutions reach a supercooling temperature, at which crystallization begins

to occur. Due to the phase transition that occurs, temperature in the solution increases from the

latent heat of crystallization [128]. In a 10% PVA solution, supercooling temperature is around -8�C,

but decreases even further with increasing PVA concentration [128, 158]. Lozinsky et al. showed

that freezing temperature alters the ratio of frozen and unfrozen solvent [127]. Higher freezing

temperatures permit chain mobility due to the increase in unfrozen solvent. When held frozen

for 10 days, PVA cryogels formed at -10�C are more rigid than those held at lower temperatures

[129]. However, for reliable freezing below the supercooling temperature, most protocols opt for

freezing temperatures below -10�C. During thawing, ice melts around 0�C, resulting in slight delay

in temperature increase of the PVA solution [62]. While PVA cryogels can be thawed to room

temperature, Pazos et al. determined that there was no significant difference between a thawing

temperature of 10�C and 20�C [158]. Ice acts as a porogen, leaving pores once melted [127].

Therefore, a thawing temperature sufficiently above 0�C will ensure complete melting.

Holding Times

Mechanical strength of PVA cryogels is related to the amount of time spent in freezing tem-

peratures, up to a certain threshold [127]. Holding PVA solutions at -20�C at 1 or 6 hours showed

negligible difference in tensile stress and elastic modulus of the resulting cryogel [203]. Holding

time in thawing temperatures holds less relevance since crystalline domains develop only at freez-

ing temperatures.

Freezing and Thawing Rates

It is possible to form PVA cryogels through repeated transfers between room temperature and

freezing temperature [183]. However, the rate at which FTCs occur can be controlled to generate

reproducible properties. It is expected that slower rates would allow polymer chains to rearrange

and produce structures of high organization and mechanical stability. Lozinsky et al. confirmed

that slower thawing rates increased both crystal size and number [127,130]. Analysis of mechanical

properties reveal a greater dependence on thawing rate over freezing rate [144,158,203]. This is due

to the increased mobility of polymer chains during the thawing phase, specifically because of the

prolonged time in the temperature region from -5�C to -1�C [62,127,129]. For this reason, thawing

rate is most important in controlling elastic properties [129,158].
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Number of Cycles

There is a benefit to preparing PVA cryogels through repeated FTCs, as opposed to a single

FTC of comparable time. Considering the high efficiency of gel formation during thawing, greater

crystalline formation occurs with additional thawing phases [183]. As expected, increasing the

number of FTCs amplifies stiffness by supplementing crystals with each FTC [87, 144]. There

is, however, an upper threshold to the number of FTCs, by which the elastic modulus no longer

increases [158,216]. Possible polymer chain rearrangements diminish and PVA-C pore size reduces

to a certain point. Up to this point, it may be beneficial to increase the number of FTCs instead

of reducing thawing rate in order to minimize processing time while achieving similar mechanical

properties [158].

3.3.2 Cardiovascular Applications

PVA cryogels have been considered for several biomedical applications, including a surgical

embolic sponge [186]. Its compressive mechanical properties have been compared to those of in-

tervertebral discs [204] and articular cartilage [111,112,182]. PVA cryogels have been employed as

arterial phantoms for magnetic resonance imaging [45] and ultrasound methods [69, 110]. These

cryogels have also been considered for aortic prostheses.

Aortic Valve

Jiang et al. designed a tri-leaflet valve with stent and sewing ring using PVA-C [102]. Leaflet

geometries determined by the cavity mold were effectively reproduced in the resulting PVA-C,

illustrating its accurate and versatile manufacturability. Under cyclic flow, the PVA-C heart valve

expanded circumferentially, which is essential in reducing stress concentration at the commissures.

This particular design has the potential to compress into a small opening in the chest cavity, avoiding

the need for open heart surgery. Bacterial cellulose (BC) is a nanomaterial that can be paired with

PVA to mimic the composite behavior of collagen and elastin, respectively [138]. Mohammadi et

al. utilized a PVA-BC nanocomposite to create a valve that mimics the mechanical properties of

the porcine aortic heart valve [142]. Anisotropy was achieved by applying strain throughout the

FTCs to offset crystal reinforcement [139]. Additional refinement is necessary to match the degree

of anisotropy present in the aortic valve. Elastic moduli was characterized by uniaxial testing in

both principal directions, but the study requires more investigation into the composite’s behavior

under pulsatile conditions.

Aorta

Bioprosthetic heart valves need a compliant aortic root for optimal hemodynamics. Wan et

al. developed a PVA-C stent prototype for bioprosthetic heart valves [203]. The cavity mold

design included rings for stent suturing. Their PVA formulation mimicked the anisotropic non-

linear stress response of the porcine aortic root, ensuring the prosthesis and aortic root expand at
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the same rate [139]. Stress relaxation tests reveal the PVA-C does not match the initial or final

relaxation rates of the porcine aortic root. Dynamic viscoelasticity of PVA-C resembled that of a

dog aorta and can be easily modified by changing the initial PVA concentration [115].

Chemically cross-linked PVA has been shown to be nontoxic, compliant, and patent in the

infrarenal aorta of rats [40]. Tubular PVA-C was a viable abdominal aorta replacement in rats [48].

However, when PVA-C was treated with a decellularized vascular matrix, thrombi formed and

animals died 3-4 days after surgery. Hemocompatibility is an issue with PVA-C and several methods

have been utilized to improve blood-material interaction [5]. Covalent attachment of fibronectin not

only improves cell attachment, but dramatically enhances cell proliferation [140,151,217]. Coating

PVA-C with collagen also improves initial attachment and proliferation of bovine aortic vascular

smooth muscle and endothelial cells [201].
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Chapter 4

Materials and Methods

This chapter presents an overview of the materials and methods used to conduct the experiments

and analysis. Viscoelastic theory and characterization is introduced.

4.1 Formation of PVA Cryogels

PVA solutions were prepared by mixing fully hydrolyzed PVA powder (P1763, Sigma-Aldrich,

St. Louis, MO, USA) in deionized ultra-filtered water. PVA solutions were mixed at 10%, 15% and

20% (w/w). The solution is stirred at 90�C until dissolution. Once cooled to room temperature,

the solution is poured into an aluminum mold and set for 2 hours to eliminate bubbles. A tem-

perature probe was placed inside the solution within the aluminum mold to monitor temperature

during cycling. The aluminum mold is set on a programmable chilling/heating plate (EchoTherm�

IC25XT, Torrey Pines Scientific, Carlsbad, CA, USA) placed inside a freezer. The chilling/heating

plate was insulated by styrofoam. A custom-made program in LabVIEW (National Instruments,

Austin, TX, USA) controlled the programmable plate during freeze-thaw cycles.

A freeze-thaw cycle consisted of:

• 1

3

�C

min
freezing rate

• − 20�C for 1 hour

• 1

9

�C

min
thawing rate

• 10�C for 30 minutes
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Figure 4.1: PVA cryogel in aluminum mold undergoing freeze-thaw cycling process.

Following completion of freeze-thaw cycles, formed PVA-C was immersed in water and refrig-

erated until testing. Unless otherwise noted, all tested PVA-C samples underwent 12 FTCs.

4.2 Tissue Collection and Preparation

4.2.1 Tissue Collection

Human ascending aortic tissue (n = 16) were obtained following aortic reconstruction surgeries

at Montreal Heart Institute and tested within 24 hours. Healthy samples (n = 6, age 43.8 ± 7.6

years, 6/6 male) received from excised aortic root during Ross procedures. Aneurysmal samples

(n = 10, age 54.0 ± 14.2 years, 8/10 male) received from excised aortic root or ascending aorta

during Yacoub or Bentall procedures. Samples were refrigerated in media solution until testing.

Excess connective tissue in the intimal layer was removed. Circumferential direction of the tissue

was marked with red tissue dye before trimming tissues into testing samples. Tissue preparation

is shown in Figure 4.2.
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Figure 4.2: (a) Excised aortic ring in the residual stress configuration. (b) Aortic tissue in a
zero-stress state. (c) Final trimmed sample with circumferential direction labeled. Scale in cm.

4.2.2 Histology

A small piece of aortic tissue adjacent to each testing square was preserved in 10% (v/v) buffered

formalin. The tissue was paraffin embedded, and 5-10 μm thick sections were prepared and stained

with Movat’s pentachrome to assess vessel elastin, collagen, and smooth muscle cell content. Five

20×-magnified images were obtained for each section representing the media. Images were captured

with a QICAM color video camera interfaced with a microscope (CKX41, Olympus Corp., Tokyo,

Japan). Percent micrograph field coverage of medial elastin, collagen, and smooth muscle was

quantified for each image using ImageJ (Version 1.52a). Color thresholds were adjusted to identify

pixels depicting elastin (black/violet), collagen (yellow), and smooth muscle (red). A single data

point per patient represents an average histologic quantification of five regions of inquiry around

the aortic circumference.

4.3 Mechanical Testing

In vitro planar biaxial tensile testing has been widely used to characterize arterial tissue [13,

16, 60, 66, 74, 143, 153]. Biaxial tensile testing identifies the tensile behavior of a material in two

distinct directions under physiological multi-loading conditions. This reproducible testing method

provides understanding of local tissue’s hyperelasticity, anisotropy, and viscoelasticity.

4.3.1 Biaxial Tensile Test

PVA cryogels, aortic tissue, and commercially available Dacron grafts (Hemashield Platinum,

Woven Double Velour Vascular Graft, MAQUET Cardiovascular LLC, Wayne, NJ, USA) were cut

into 15×15 mm2 samples. Thickness measurements were performed along the sample in quintu-

plicate with a digital thickness caliper (Litematic VL-50A, Mitutoyo Corp., Japan). The sample

is assumed to hold constant thickness at the average value for subsequent analysis. Dacron grafts

were considered to have 0.35 mm thickness. All samples were fastened with 4-0 prolene sutures to

mount on the tensile arms. The no-load length was measured between sutures by a caliper. The

sample was loaded in the ElectroForce Planar Biaxial TestBench (TA Instruments, New Castle,
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DE, USA), seen in Figure 4.3, equipped with WinTest software (V8.0, Build 2011). All samples

were immersed in buffered solution at 37 C for 15 minutes prior to testing to attain thermal equi-

librium and subsequently throughout all testing. Samples were preloaded to a force of 0.05 N in

both directions before testing to ensure sutures were slightly tensioned. Samples underwent 10

preconditioning cycles loading and unloading at a strain rate of 0.4 mm/s to a displacement of 6

mm in both directions. Depending on suture location, this corresponds to a maximum strain of

60-65%. Following preconditioning, 7 experimental cycles were performed at a strain rate of 0.1

mm/s at the same displacement. Immediately following the last experimental cycle, the sample was

pulled to 6 mm displacement at a rise time of 1 second. The sample was held at this displacement

for 2000 seconds and stress relaxation response recorded. The sample was slowly unloaded at 0.1

mm/s to its starting position and quickly loaded in a similar fashion for a total of 5 cycles.

Figure 4.3: ElectroForce Planar Biaxial TestBench setup loaded with PVA sample. Inset displays
suture layout of the sample, including locations of thickness measurements (t) and definition of
gauge lengths (w) between sutures.

4.3.2 Dynamic Mechanical Analysis

Dynamic mechanical analysis (DMA) assesses a material’s viscoelastic properties at different

frequencies. Unlike standard biaxial testing at a single strain rate, DMA collects data across a

frequency sweep. This provides detail into the material’s frequency dependence as well as its
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response across physiological frequencies.

In a similar fashion, PVA cryogels, aortic tissue, and Dacron fabric were measured and loaded

into the test set-up, seen in Figure 4.3. Sample dimensions were input into the WinTest DMA

software (V7.1) to internally calculate strain for testing. All DMA tests were performed uniaxially.

Samples were preloaded to a force of 0.05 N in the circumferential direction. The sample was

then loaded to 35% mean strain at 0.5 mm/s and held for 10 seconds. Step-sine excitation was

performed from 0.1-20 Hz with a dynamic amplitude of ±25%. Frequency oscillations occurred at

0.5 Hz increments. Before each harmonic excitation, the 35% mean strain was maintained for 10

seconds. Complex modulus and phase delay were collected following a preconditioning period of 10

seconds, which commences after oscillations reach full amplitude (10% to 60%). The sample was

unloaded after all frequency conditions were completed.

4.4 Analysis

4.4.1 Stress-Strain Curves

The stress-strain response is assigned quantitative parameters to describe mechanical behavior of

the material. Various stress and strain definitions have been used to characterize tensile properties.

Engineering Stress and Strain

Engineering stress (σeng) is defined as the force (F ) divided by the initial (no-load) cross-

sectional area (A0).

σeng =
F

A0
(4.1)

where A0 = w0t0 and w and t are width and thickness, respectively, of the sample. Width is

measured along the direction normal to the force direction.

Engineering strain (εeng) is defined as the change in length divided by the initial (gauge) length

(w0). Change in length is determined by the displacement arms. Length is measured along the

force direction.

εeng =
w − w0

w0
(4.2)

Cauchy Stress and Strain

Engineering stress and strain measures force with reference to the initial configuration. During

tensile testing, initial cross-sectional area is altered. Cauchy stress and strain definitions are defined

in the deformed configuration, as opposed to the initial configuration. These definitions are more

pertinent in characterizing material’s undergoing large strains and increased deformation. Assuming

an incompressible (J = 1) material, volume must remain constant. This yields:

σ =
F

A
= σeng (1 + εeng) (4.3)
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ε = ln

(
w

w0

)
= ln (1 + εeng) (4.4)

Incremental Elastic Modulus

In nonlinear materials, elastic modulus is a function of the strain. Hyperelastic material models,

such as Mooney-Rivlin, Ogden, and Yeoh model have been utilized to classify biological tissue

with material constants. For simplicity, measuring elastic modulus at different strains can provide

information of the overall hyperelastic behavior. Incremental elastic modulus is defined as the

instantaneous slope at a strain value. Employing polynomial functions in MATLAB, incremental

elastic modulus of Cauchy stress values was calculated at low (15%) and high (45%) engineering

strain values.

4.4.2 Energy Loss

Energy loss is a viscoelastic parameter derived from the equibiaxial loading-unloading results. It

is an effective measure of the material’s ability to dissipate energy. During unloading, the material

does not release the same amount of energy as it absorbed during loading. This dissipation of energy

into the material results in a hysteresis loop. Energy loss quantifies the energy dissipation capacity

of a material using the proportional area of the hysteresis loop. Energy loss is the percentage of

strain energy dissipated by the material during unloading from the total energy absorbed by the

material during loading. Energy loss is the area of dissipated energy over the area under the loading

curve. The area under the stress-strain curve is a strain energy per unit volume and the ratio of

both areas yields a unitless quantity. The ratio is presented as a percentage.

WL =

∫ εmax

0

σLdε (4.5)

WU =

∫ εmax

0

σUdε (4.6)

Energy Loss =

∫ εmax

0
σLdε−

∫ εmax

0
σUdε∫ εmax

0
σLdε

(4.7)

Energy Loss =
WL −WU

WL
(4.8)

where WL and WU refer to the energy absorbed during loading and energy released during unload-

ing, respectively.
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Figure 4.4: A typical hyperelastic stress-strain response displaying hysteresis. Graphical represen-
tation of energy loss and incremental elastic modulus is depicted.

4.4.3 Stress Relaxation

Linear viscoelastic models estimate the time-dependent behavior of materials with a linear

stress-strain relationship. These materials can be modeled by combinations of springs and dash-

pots to represent elastic and viscous components, respectively. Constitutive models using these

mechanical elements are shown in Figure 4.5 below.

Figure 4.5: (a) Maxwell model. (b) Kelvin-Voigt model. (c) Standard linear solid model. (d)
Burgers model.

These elements hold constitutive equations to describe their individual behavior. A spring is

linear elastic, obeying Hooke’s law in Equation 4.9, where k is the stiffness.
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σ = kε (4.9)

Stress response of the viscous dashpot, shown in Equation 4.10, depends on the rate of strain,

rather than the strain itself. The parameter η refers to the material’s viscosity.

σ = ηε̇ (4.10)

The arrangement of mechanical elements determines how force and displacement are acting on

each individual element in relation to one another. These models yield one or more exponential de-

cays to describe stress relaxation. For large deformations, linear viscoelastic models are insufficient

to describe the nonlinear stress-strain behavior of biological tissue.

Quasi-linear Viscoelasticity

Fung developed a constitutive equation to describe the nonlinear stress-strain and viscoelastic

behaviors [70,71]. Stress is calculated through a linear convolution integral of a reduced relaxation

function, G(t), and an instantaneous elastic stress response, σe(ε).

σ(t, ε) = G(t) ∗ σe(ε) (4.11)

σ(t) =

∫ t

−∞
G(t− τ)

dσe(ε)

dε

dε

dτ
dτ (4.12)

The reduced relaxation function is defined as:

G(t) =

1 + C

[
E1

(
t

τ2

)
− E1

(
t

τ1

)]

1 + C ln

(
τ2

τ1

) (4.13)

where C is the relaxation index, τ1 is the immediate relaxation time constant, τ2 is the long-term

relaxation time constant, and E1(y) =
∫∞
y

e−z

z
dz.

The elastic stress response is defined as:

σe(ε) = A(eBε − 1) (4.14)

where A is the elastic stress constant and B is the elastic power constant.

Fung’s QLV model has a major limitation associated with imperfect instantaneous strain that

occurs during loading. Finite strain rates produce a time-dependence during the ramp time, while

exceedingly short ramp times may yield lack of reproducibility. The constitutive equation is fit to

the ramping and relaxation data sets until a solution converges. For a detailed QLV solution, the
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reader is directed to Appendix A.

Optimization Method

The embedded MATLAB solver lsqcurvefit solves for the QLV coefficients (A,B,C, τ1, τ2)

through a least-squares fit of the final ramp and stress relaxation curve.

min
x

‖F (x, t)− σ‖22 = min
x

∑
i

(F (x, ti)− σi)
2 (4.15)

where F is the QLV function, x =
[
A,B,C, τ1, τ2

]
, t is the time data, and σ is the stress data.

The Levenberg-Marquardt algorithm iterates from an initial solution set until global minimum

is reached. Convergence is achieved once each parameter is within 10−10 of the optimal value.

4.4.4 Dynamic Mechanical Analysis

Under a sinusoidal strain ε = ε0sin(ωt) of ω = 2πf , a viscoelastic material’s stress response

σ = σ0sin(ωt+ δ) will follow with phase lag δ, shown in Figure 4.6.

Figure 4.6: The presence of a phase lag δ is a result of viscosity in the material.

DMA quantifies the material’s ability to store and dissipate tensile energy through a frequency-

dependent storage (E′) and loss (E′′) moduli, defined in Equations (4.16) and(4.17), respectively.

E′ =
σ0
ε0

cos δ (4.16)

E′′ =
σ0
ε0

sin δ (4.17)

These variables provide quantitative information of the elastic and viscous components of the

material, which are combined through a complex modulus, (E∗).

E∗ = E′ + iE′′ (4.18)
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Vector mechanics define the ratio of loss to storage moduli as the tan δ, a measure of energy

damping.

tan δ =
E′′

E′ (4.19)

The complex modulus magnitude and tan δ are calculated for [0.1-20] Hz.

4.4.5 Statistical Analysis

All averages are presented as mean ± standard deviation. One-way and two-way analyses of

variance (ANOVA) and student’s t-test were used to compare means of biomechanical properties

across PVA compositions and among each sample type. Differences with P < 0.05 were considered

statistically significant. Statistical analysis was performed with GraphPad Prism (V5.0, GraphPad

Software Inc., San Diego, CA, USA).

35



Chapter 5

Results

This chapter presents the experimental results describing the stress-strain and stress relaxation

behaviors of aorta, poly(vinyl alcohol), and Dacron samples. Analytic solutions of the stress re-

laxation curves evaluated by Fung’s quasi-linear viscoelasticity theory are presented. Solved model

parameters are listed. Dynamic mechanical analysis results are summarized to show frequency

dependence of mechanical properties.

5.1 Cryogel Formation

PVA solution temperature in relation to the set temperature of the programmable chilling/heating

plate is shown in Figure 5.1. The PVA solution successfully reaches -20�C and achieves appropriate

freezing and thawing rates. Maintaining the plate in a -20�C freezer ensured an accurate freezing

rate, although thawing lagged. Furthermore, a phenomena characteristic of cryostructure formation

was observed during freezing. The PVA solution temperature increases approximately 4�C after

the plate reaches -6�C. Subsequent cycles resulted in higher peaks occurring at lower temperatures.

Figure 5.1: PVA temperature during freeze-thaw cycles.
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5.2 Stress-Strain Behavior

Loading-unloading curves obtained by biaxial tensile experiments reveal incremental elastic

moduli at various levels of strain and the viscous measure of energy loss. PVA formulations are

assessed against aortic samples by these parameters.

5.2.1 Incremental Modulus

All samples tested exhibit a hyperelastic response in both directions, shown by the modulus

increase at higher strains. PVA formulations closely match the incremental modulus of healthy

tissue, specifically that of 20% concentration. PVA concentration has an effect on incremental

modulus, although negligible at lower strains. The initial concentration of PVA solution determines

the concentration of crosslinks in the resulting cryogel. This manifests in greater resistance to strain

and an increasing incremental modulus. This effect is indiscriminate of direction, suggesting that

crosslinks formed randomly within the cryogel.

Figure 5.2: Incremental modulus at 15% and 45% strain in the (a) circumferential and (b) longi-
tudinal directions. Chart values represent mean ± SD; ∗p < 0.05 measured for same strain.

Dacron grafts are approximately 5- and 11-times stiffer than healthy aorta in the circumferential

direction at 15% and 45% strain, respectively. In the longitudinal direction, this modulus disparity

between Dacron and tissue is decreased. No significant differences were observed between samples

considered healthy and aneurysmal.

5.2.2 Energy Loss

Energy loss is a viscous measure of energy absorbed by the material during testing. It provides

information of the material’s capacity to dissipate energy.
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Figure 5.3: Circumferential and longitudinal energy loss of each sample. Chart values represent
mean ± SD; ∗p < 0.05 for average of both directions.

In Figure 5.3, energy loss of each sample is presented for the circumferential and longitudinal

directions. Dacron grafts exhibit twice as much energy loss as healthy ascending aorta. Increases

in PVA concentration also yield increased energy loss. These data suggest that initial PVA solu-

tion concentration not only affects the cryogel’s stiffness at higher strains, but also contributes to

its viscosity measured by energy loss. As with incremental modulus, homogeneously crosslinked

cryogels exhibit comparable energy loss across both directions.

5.2.3 Effect of Freeze-Thaw Cycles

To evaluate the effect of FTCs on incremental modulus and energy loss, PVA cryogels of 6

and 12 FTCs were tested. According to Figure 5.4, cycle number and PVA concentration have

comparable consequences. With increasing cycle number, both incremental modulus at 45% strain

and energy loss also increase, although increases in energy loss are more drastic.
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Figure 5.4: Incremental modulus (45% strain) and energy loss according to initial PVA concentra-
tion. Chart values represent mean ± SD; ∗p < 0.05 for energy loss across all concentrations.

Since increasing PVA concentration and FTCs both independently increase crosslinks, their

implementation will have similar consequences on the final PVA-C. Therefore, higher PVA concen-

tration in the initial solution can reduce the number of FTCs required to achieve stiff mechanical

properties. Similarly, both parameters can be used in tandem to refine the mechanical properties

towards the desired resulting PVA-C.

5.2.4 Histology

Histologic examination of selected samples revealed noticeable differences in composition and

organization among healthy and aneurysmal tissue.
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Figure 5.5: Energy loss as a function of smooth muscle present in the aortic media. Scale bar
represents 100 μm.

Among the samples imaged, healthy tissue was characterized by higher elastin content, 45.3 ±
2.07% vs. 39.78 ± 1.84% in aneurysmal tissue. Thick, continuous elastinous sheets encapsulate

single layers of smooth muscle inside healthy tissue. In aneurysmal tissue, several layers of smooth

muscle cells are separated by weak, discontinuous elastin fibers, which vary in integrity across the

thickness. Aneurysmal tissue held higher levels of smooth muscle content. A moderate correlation

exists between the presence of smooth muscle and the magnitude of energy loss, which suggest that

smooth muscle content alone is not an effective predictor of this viscous parameter.

Correlation of these samples with energy loss by patient age is more evident, seen in Figure 5.6.

Including more samples, however, weakened this correlation. Only tissue samples with sufficient

tests (n ≥ 3) for energy loss are presented here. This data suggests that the condition or organiza-

tion of smooth muscle cells may affect the tissue’s viscous behavior, instead of their mere presence.

Other wall constituents may also contribute to the tissue’s viscoelasticity.
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Figure 5.6: Correlation between patient age and energy loss.
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5.3 Stress Relaxation

Stress relaxation preconditioning provided reproducible results of the time-dependent behavior.

Similar to preconditioning performed during loading and unloading, the maximum stress attained

in stress relaxation dramatically decreases after the first cycle. In Figure 5.7, normalized stress

relaxation exhibits negligible differences in stress relaxation rates at five cycles.

Figure 5.7: Stress relaxation preconditioning cycles yield repeatable curves in aortic tissue. Inset
displays first 10 seconds.

5.3.1 QLV Model Fitting

The last stress relaxation cycle of each sample was subject to parameter estimation under the

QLV platform.
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Figure 5.8: QLV model fit on typical stress relaxation of aortic tissue. Inset displays first 5 seconds.

The experimental stress relaxation exhibits a nonlinear ramp stress, marked by a stress relax-

ation rate that decreases over time. The QLV model is inadequate in predicting the stress levels

during the ramp phase, but is able to recover in predicting the long-term relaxation. This is evi-

denced by the increasing residuals level during the first second, displayed in Figure 5.9. The model

overestimates the material’s elasticity, resulting in an underestimation of viscosity. This effect is

more pronounced in materials with high elastic modulus and viscosity, such as Dacron.
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Figure 5.9: Residuals of each sample compared to their respective model fit. Inset displays first 5
seconds.

The solved QLV parameters for each sample are displayed in Table 5.1 below. Elastic parameters

A and B are defined in the elastic stress function in Equation (4.14). Viscous parameters C, τ1,

and τ2 are defined in the reduced relaxation function in Equation (4.13).

Table 5.1: QLV Parameters

A (MPa) B (10−5) C τ1 (s) τ2 (s)

Healthy 1984.62 ± 216.41 2.94 ± 0.64 0.1168 ± 0.0420 0.5444 ± 0.0852 825.25 ± 66.331
Aneurysmal 1830.55 ± 279.18 2.24 ± 0.52 0.1728 ± 0.0860 0.5836 ± 0.1818 382.78 ± 173.93
10% PVA-C 1321.69 ± 105.17 2.03 ± 0.28 0.1524 ± 0.0537 0.5277 ± 0.0734 628.30 ± 79.643
15% PVA-C 1616.69 ± 182.10 1.64 ± 0.22 0.1172 ± 0.0815 0.5075 ± 0.0821 648.46 ± 108.40
20% PVA-C 1716.57 ± 212.07 2.16 ± 0.45 0.1630 ± 0.0667 0.4491 ± 0.0382 890.65 ± 4.7221

Dacron 5222.69 ± 200.83∗ 9.30 ± 1.18∗ 0.4845 ± 0.1166∗ 0.3445 ± 0.0727 195.05 ± 32.614∗

Parameter values for circumferential direction presented as mean ± SD; ∗p < 0.05 for each param-
eter across all groups.

The QLV model has overestimated the material’s elastic modulus and did not effectively account

for the hyperelastic behavior under 60% strain in a 1 second rise time. Therefore, parameter A

estimates a much stiffer material and parameter B is negligible across all groups. However, average

differences in overall stiffness are still noticeable across parameter A. The parameter C represents a

measure of viscosity within the material and τ1 and τ2 represent the immediate and long-term time

constants, respectively. Dacron holds the highest initial relaxation rate and the lowest normalized

level of remaining stress, resulting in the largest estimation of C. Dacron also reaches its final value

much quicker, confirmed by a shorter time constant τ2.

PVA formulations and aortic tissue respond similarly under stress relaxation according to the
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QLV model. Increasing PVA concentration resulted in a shorter τ1 and a longer τ2, although

not statistically different. No observable trend was seen in material constant C, confirming the

consistent relaxation behavior of PVA cryogels. No differences in this constant between tissue and

PVA-C implies that the initial relaxation rate and final relaxation level is similar.

5.4 Dynamic Mechanical Analysis

Dynamic mechanical analysis (DMA) is required to understand how the material behaves under

a variety of frequencies. In the aortic wall, these frequencies range from pulsatile loads to high

frequency vibrations. The complex modulus is a measure of stiffness accounting for contributions

from the elastic and viscous components of the material. The complex modulus magnitude, seen in

Figure 5.10, is relatively independent of frequency. As expected, increasing PVA concentration also

increases complex modulus. In this case, 15% PVA-C is within range of aortic tissue at physiological

frequencies.

Figure 5.10: Complex modulus is frequency-independent from [0.1-20] Hz in all samples.

To differentiate the elastic and viscous contributions of the complex modulus, tanδ is presented

in Figure 5.11. This parameter represents a ratio of loss to storage modulus, or viscous to elastic

components. All samples exhibit a similar trend. The viscous component of most samples reaches a

minimum between [1-3] Hz. All PVA cryogels exhibit similar frequency-dependent viscous behavior

of aortic tissue.
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Figure 5.11: Contribution of viscosity to the complex modulus follows similar frequency-dependent
trends in all samples.

Measurements after 10 Hz increase in variability, most likely due to the contribution of vibrations

within the saline solution containing the sample. This could explain the unexpected sudden decrease

in complex modulus at high frequencies.
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Chapter 6

Discussion

This work proposed the use of PVA-C as a mechanically viable substitute for ascending aorta.

Viscoelastic properties of various PVA-C compositions were compared to those of human ascending

aorta. The ease of manufacturability in acquiring reproducible properties compels further investi-

gation into PVA-C as a vascular prosthesis over Dacron grafts.

Cryogel Formation

During formation of the cryogel, gel temperature revealed a characteristic trend. Upon freezing,

a heat emission peak occurred between -6 and -10�C, which correlates to regions of increased

crystalline domains and hydrogen bond formation [62,128]. As crystallization increased with more

cycles, the heat emission peak also increased. Solutions of varying PVA concentrations underwent

identical freeze-thaw regimens and were subject to tensile experiments to isolate the effect of PVA

concentration on final cryogel stiffness.

Elastic Response

Aortic tissue increases in stiffness as it is stretched. This hyperelasticity is also revealed in

Dacron, although its magnitude of stiffness is much higher. PVA-C is able to replicate the nonlinear

stress-strain behavior at low and high strains. Incremental modulus at 45% strain correlates to

physiological moduli at the transition between elastin and collagen load-bearing in the rat aorta [53].

Aortic tissue and Dacron incremental modulus values are consistent with the literature [65, 191].

PVA-C maintains the stiffness of aortic tissue at physiological strain. In other words, the compliance

of this artificial tissue matches that of the aortic wall. Furthermore, increasing PVA concentration

yields stiffer cryogels [127,204]. This effect is rather negligible under low strain.

The cryogels prepared in this work are isotropic, due to its uninhibited crystallization during

FTCs. The distinct wall layers of the aorta classify the material as cylindrically orthotropic. In a

biaxial tensile test, healthy ascending aortic tissue samples display a level of anisotropy [46, 191].

Millon et al. successfully achieved anisotropic PVA-C by applying an initial strain after a single

FTC [139]. Subsequent FTCs were performed under a strained cryogel to induce a non-homogenous
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crystal structure. This technique can be considered to recreate the direction-dependent behavior

of the aortic wall.

Energy Loss

Energy loss is a measure that describes how aortic tissue distributes energy. During each

cardiac cycle, the aortic wall receives energy from the pumping heart with each ventricular ejection

of blood. The aortic wall absorbs this energy by distending. In accordance with its Windkessel

function, the wall returns to its resting circumference, transferring energy back to the blood. In

this process, the aortic wall dissipates some energy into itself. While systolic pressure rises rapidly,

diastolic pressure returns in a much slower fashion. This is due to the reduced energy returned by

the wall in diastole [212]. Although the tissue’s compliance enables the Windkessel function, the

tissue’s dissipative capacity directs its timing. Energy loss is a reproducible, quantitative measure

of the tissue’s dissipative capacity through hysteresis observed in standard biaxial testing. Energy

loss has been a useful biomechanical parameter that correlates with microstructural defects in the

media [46, 47].

The behavior of this hysteresis loop has been thoroughly observed in vitro and in vivo. Unlike

the loading curve, the unloading curve is moderately unaffected by changes in the strain or strain

rate [76]. Therefore, the width of the hysteresis loop is determined by the magnitude of stretch or

strain rate [166]. When considering the function of the aortic wall, this response is expected. As

the tissue experiences higher levels of stress, it demands increasingly more relaxation to restore the

tissue to its residual stress state. Pressure-area dynamics of the aorta can be obtained in vivo by

mapping the stress and strain of the tissue under physiological loading cycles [98,184]. Armentano

et al. quantified the viscous component of the aortic wall by analyzing in vivo hysteresis loops in

conscious dogs [12]. The study confirmed that the viscous modulus depends not only on smooth

muscle activation, but also on the arterial pressure magnitude.

Under physiologic loads, the PVA cryogels maintain similar energy dissipating properties as

aortic tissue. Initial PVA concentration affects the extent of energy loss, although it is unclear

whether this is due to increased chain interactions in the gel or the higher stress level achieved by

more crosslinks. Similarly, the dependence of viscosity on stress level may account for the increased

energy loss in Dacron, which achieved supraphysiologic loads at 60% strain.

Stress Relaxation

While energy loss is a robust parameter and hysteresis loops are observed in vivo, it provides

little information of the time-dependent behavior under a peak load. In standard biaxial tests,

unloading is performed at a controlled rate. In physiological loading conditions, the aortic wall’s

unloading is determined by its previous distension, heart rate, and smooth muscle activation. For

this reason, stress relaxation tests were performed to assess viscoelastic behavior over a time span,

where unloading is achieved by the material alone.
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Multiple stress relaxation cycles preconditioned the material to achieve repeatable curves.

Carew et al. determined that repeatable stress relaxation curves in porcine aortic valves cannot

be achieved by standard loading-unloading preconditioning [39]. Zou et al. adopted this method

on aortic elastin, compensating each cycle for drops in initial stress level by modifying the target

stretch [219]. In this study, the material’s initial stress level dropped significantly after the first

cycle, just as it does in standard preconditioning protocols. However, the maximum stretch was

kept consistent through all cycles. Excised aorta achieved up to 50% relaxation in this study after

5 cycles, which is substantially larger than the 20% relaxation observed by Zou et al. This marked

increase may be due to the strain-rate dependence of viscoelasticity in soft tissues [61]. In this

study, samples achieved target stretch in half the time as those in the study by Zou et al.

Quasi-linear viscoelasticity theory is a popular method to model viscoelastic behavior of bio-

logical tissues [38,61,113]. Adaptations to this model have been used to characterize aortic elastin

stress relaxation and creep [219]. Viscoelastic modeling under the QLV platform has been applied

to in vivo and ex vivo pressure-area hysteresis loops in the aorta [198]. While the QLV model

is widely used, it improperly assumes that strain and time effects on stress are independent. For

this reason, it insufficiently simulates the magnitude of initial stress relaxation in these tests. The

immediate relaxation time constant, τ1, is not as robust a measure as the long-term time constant,

τ2. Stress relaxation tests experienced 60% strain in 1 second to achieve a near-instantaneous

step strain. High strain rates lead to amplified stress levels, while low strain rates risk relaxation

occurring during stretching. The accuracy of the ramp stress was also limited. Despite attempting

various discretizations, the QLV model could only attain accurate ramp results if the relaxation

portion of the piecewise function was omitted. To account for the rapid initial stress relaxation, the

QLV underestimates the peak stress and does not simulate hyperelasticity. Increasing the amount

of iterations had little effect. Zou et al. had similar difficulty with a ramp time of 2 seconds.

Adaptive and discrete QLV models have been developed to link the stress relaxation behavior to

strain or time-independence [15,148].

PVA cryogels and ascending aorta have comparable initial stress levels under 60% strain, and

residuals from QLV modeling are similar. Stiffer PVA cryogels exhibit a shorter τ1 and longer τ2.

Aortic tissue is less predictable. QLV is the least accurate model for Dacron because initial stress

relaxation is highest in this material. Although viscoelasticity in Dacron is significantly higher than

aortic tissue, such high stress levels are not expected in vivo.

Frequency Response

Dynamic mechanical analysis provides detail of the material’s frequency dependent properties.

Aortic tissue is subject to a variety of strain rates within its pressure waveform and these can be

modified by heart rate. Although standard biaxial testing provides robust biomechanical quantities

for material comparison, it does not effectively determine properties at physiologically relevant

frequencies. Testing samples were subjected to cycles at [0.1-20] Hz ranging from 10-60% strain.

Over this range, complex modulus was frequency-independent in all samples, with healthy aorta
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measured at approximately 80 kPa. This frequency-independent trend is consistent with Bergel’s

evaluation [26]. Bergel also observed a slight increase in viscosity after 5 Hz. In the octopus aorta,

Shadwick and Gosline noticed a quicker increase in viscosity after 1 Hz [177]. Apter and Marquez

found a steep increase in tan δ, approaching an asymptote at 10 Hz [11]. These studies vary in

strain level and pressure level affects aortic dynamic viscoelasticity [119].

The results of this study reveal a noticeable increase in tanδ after 5 Hz with a valley between [1-

3] Hz, most closely resembling the results seen by Shadwick and Gosline. Examination of coronary

arteries with a similar DMA setup as the one used in this study was not able to observe resonance

up to 12 Hz [36]. Nonetheless, Apter and Marquez observed an aortic resonance frequency at 5

Hz, at which phase shift δ reached 90�. Although the viscous increase was not observed to the

same extent, all aortic samples in this study resembled this increasing trend. When considering

the function of the aortic Windkessel, the results are enlightening. Viscosity hinders Windkessel

function by limiting energy storage capacity attributed to its elasticity. At physiological frequen-

cies of forward pressure waves at [1-3] Hz, viscous properties approach a minimum. At low and

high frequencies possibly caused by faster reflected waves or vibrations, wall viscosity increases to

dissipate energy. Simulations of pulse wave attenuations in the arterial tree reveal damping occurs

as a result of viscosity in the material [135, 137, 173]. The amount of dissipation decreases with

increased longitudinal stress or transmural pressure. Most simulations that include reflected waves

simplify the amount of bifurcations present. Local blood flow disturbances, such as those induced

by Dacron implantation, can contribute to pulse wave irregularity.

The DMA experiments conducted were uniaxial. Controlling longitudinal stress during DMA

tests is expected to have a more pronounced effect for Dacron, which is the stiffest material.

However, PVA cryogels and aortic tissue exhibit similar longitudinal stress behaviors. PVA-C

effectively mimics aortic viscous behavior across the frequency sweep. Theoretically, these materials

will be able to fulfill the aortic tissue’s balance of Windkessel and pulse attenuation.

Histology

Histological examination revealed noticeable disparities between healthy and aneurysmal tis-

sue. Smooth muscle concentration was not an independent predictor of tissue’s viscosity measured

by energy loss. Among the small size of five samples observed, increased collagen-to-elastin ratio

and energy loss were also correlated (R2 = 0.8369). Collagen-to-elastin ratio signifies the tissue’s

effective age. Smooth muscle cells in tissues with a lower C/E ratio may hold higher integrity than

those with a higher C/E ratio. High stresses caused by increased collagen concentration may cause

degradation of smooth muscle cells’ relaxation properties over time. Conversely, elastin degrada-

tion may increase load-bearing responsibility of smooth muscle cells, also inducing cell fatigue.

Further investigation of smooth muscle mechanotransduction and pathophysiology is required to

support this assertion. Nonetheless, smooth muscle content is not the sole determinant of arterial

viscoelastic properties.
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6.1 Limitations

Viscoelasticity is a complex behavior that is not only time-dependent, but also strain- and

stress-dependent. Isolating these effects are challenging when assessing a variety of materials. In

this study, strain rate was controlled in all experiments. This results in a variety of stress levels that

rely on the material and the sample’s dimensions. Stress-level dependence on viscoelasticity must

be considered when evaluating aortic tissue and polymers. Excluding Dacron, a 60% strain achieved

physiological Cauchy stress levels, for which viscoelastic properties can be moderately compared.

Dacron’s large increase in stress levels at the same strain may explain its proportionately higher

viscosity observed in this study. Hasegawa and Azuma verified that Dacron grafts stretched to

10% matched viscoelasticity of the proximal aorta stretched to 50% strain [84]. Amabili et al.

found that Dacron loss factor decreased with pre-stretch and achieved a magnitude and frequency

response similar to those of aortic tissue in this study [8]. The study by Amabili et al., however,

used a dynamic amplitude of 0.3% strain compared to the 25% strain used in this study. Despite

this limitation of Dacron, this study effectively focused on the comparison between aorta and

PVA-C formulations. Dacron’s energy loss and tan δ values do not resemble in vivo behavior, but

further attests to its drastically lower compliance. A confounding factor in the aortic tissue is

the variation in smooth muscle viability among samples. Increasing the amount of samples would

help to eliminate these variable effects. Understanding the in vivo pressure dynamics and pressure

wave velocity would help provide detail into the potential fatigue of smooth muscle function in the

thoracic aorta. Measuring the distance from the aortic valve and accounting for regional location

of the tested sample may help illuminate reasons for potential variation across tissues.

6.2 Future Work

Biaxial tensile tests are simple and reproducible, which help in providing a standard for ma-

terial characterization. They do not mimic the conditions that the aorta endures in vivo. Stress

relaxation and dynamic mechanical analysis incorporate time-dependent behaviors, but are still

insufficient. A more sophisticated closed-loop system that accounts for transmural pressure, char-

acteristic impedance, and physiological frequency can be replicated with a pulsatile blood pump

flowing through a conduit. To confirm the results here, aortic rings, cylindrical PVA-C, and Dacron

grafts should be assessed in this scenario.

New processing techniques can be attempted to modify the architecture of PVA cryogels. A

structure of individual layers can be cast or 3-D printed. An outside layer can mimic the adventitial

resistance to deformation and provide suture sites for implantation. PVA is a versatile material

that can be manipulated to appropriate aortic geometry and thickness. Aortic graft designs should

be applied to this suitable material.
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Chapter 7

Conclusion

This thesis examines the viscoelastic properties of poly(vinyl alcohol) cryogels and compares it

to those of aortic tissue. In the same way that PVA-C hyperelasticity can be modified by polymer

concentration and freeze-thaw cycle processing, viscous behavior can also be adjusted. Smooth

muscle in the ascending aorta dissipates arterial pulse waves and preserves the aortic wall, but also

directs the precise timing of Windkessel function. Viscosity of aortic tissue and PVA-C are achieved

by distinct means, yet maintain comparable behavior at similar stress levels and frequencies. PVA-

C energy loss, stress relaxation, and tan δ match aortic tissue, while holding identical compliance.

The ease of manufacturability and versatility of mechanical properties advocate for the future of

personalized grafts that match aortic geometry and maintain viscoelastic continuity along the aortic

column. Current Dacron graft implantation, despite its high patency rates in the ascending aorta,

yields detectable and harmful consequences to the arterial circulation as a result of its disparate

geometry and mechanical properties. In the ascending aorta, PVA cryogels should be considered

for the development of novel grafts to limit hemodynamic disturbances, maintain characteristic

impedance, and promote Windkessel function.
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Appendix A

Quasi-linear Viscoelasticity Theory

The quasi-linear viscoelastic constitutive equation begins with a stress response function that

depends on both the time and strain.

σ(t, ε) = G(t) ∗ σe(ε) (A.1)

The Boltzmann superposition principle permits this equation to be written in the form of a

linear convolution integral, terming this theory quasi-linear. This integral accounts for the strain

history of the stress response.

σ(t) =

∫ t

−∞
G(t− τ)

dσe(ε)

dε

dε(τ)

dτ
dτ (A.2)

Fung proposed a reduced relaxation function, G(t) =
σ(t)

σ(0)
, where σ(t) represents the stress

response to a step change in strain, ε [42].

G(t) =

1 + C

[
E1

(
t

τ2

)
− E1

(
t

τ1

)]

1 + C ln

(
τ2

τ1

) (A.3)

where E1(y) =
∫∞
y

e−z

z
dz and C, τ1, and τ2 are viscoelastic material constants, such that τ1 � τ2.

The material constant C describes the initial relaxation rate and the final relaxation value,

while τ1 and τ2 refer to the immediate (t = t0
+) (see Figure A.1) and long-term (t = ∞) constants,

respectively.

The instantaneous elastic response, σe(ε), represents the stress response to a step change in

strain, ε. Unlike the relaxation function, the elastic response does not account for strain history

since loading is assumed to occur at a high strain rate (step change). The following exponential

approximation was proposed by Woo [213] and has been considered for aortic valve leaflets [38].
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σe(ε) = A(eBε − 1) (A.4)

where A and B are elastic material constants.

The QLV model must be fit for stress relaxation data, shown as Figure A.1, to determine the

material parameters.

Figure A.1: High loading rate begins at t = 0 and ends at t = t0.

The stress response integral requires G(t− τ) and
dσe(ε)

dε
. First, solve for G(t− τ):

G(t− τ) =

1 + C

[
E1

(
t− τ

τ2

)
− E1

(
t− τ

τ1

)]

1 + C ln

(
τ2

τ1

) (A.5)

where E1

(
t− τ

τi

)
=

∫ ∞

t−τ
τi

e−z

z
dz for i = [1, 2].

In MATLAB, the exponential function E1 is replicated by expint.

Next, solve for
dσe(ε)

dε
:

dσe(ε)

dε
=

d

dε
A(eBε − 1) (A.6)

= ABeBε (A.7)

= ABeBε̇τ (A.8)

Finally, plug Equations (A.5) and (A.8) into Equation (A.2).
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σ(t) =

∫ t

−∞

1 + C

[
E1

(
t− τ

τ2

)
− E1

(
t− τ

τ1

)]

1 + C ln

(
τ2

τ1

) ABeBε̇τdε(τ)

dτ
dτ (A.9)

=
ABε̇

1 + C ln

(
τ2

τ1

)
∫ t

−∞
dτeBε̇τ

[
1 + C

[
E1

(
t− τ

τ2

)
− E1

(
t− τ

τ1

)]]
(A.10)

Integration limits are adjusted to correct for strain history starting at t = 0. The stress response

during ramp (0 < t < t0) and stress relaxation (t ≥ t0) holds different integration limits to

distinguish when loading ceases. A piecewise function is loaded into MATLAB.

σ(t) =
ABε̇

1 + C ln

(
τ2

τ1

)
∫ t

0

dτeBε̇τ

[
1 + C

[
E1

(
t− τ

τ2

)
− E1

(
t− τ

τ1

)]]
, {0 < t < t0} (A.11)

σ(t) =
ABε̇

1 + C ln

(
τ2

τ1

)
∫ t0

0

dτeBε̇τ

[
1 + C

[
E1

(
t− τ

τ2

)
− E1

(
t− τ

τ1

)]]
, {t ≥ t0} (A.12)

where E1

(
t− τ

τi

)
=

∫ ∞

t−τ
τi

e−z

z
dz for i = [1, 2].
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F. F., and Levenson, J. The vascular smooth muscle of great arteries: Local control site

of arterial buffering function? Revista Española de Cardioloǵıa 56, 12 (2003), 1202–1209.
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