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ABSTRACT 

The development and design of effective aortic valve replacements (AVRs) presents significant 

challenges given the structural and hemodynamic performance requirements that must be achieved. 

Conventional design approaches require substantial amounts of experimental testing, involving 

complex pulsatile flow rigs that mimic the conditions of the cardiac cycle while allowing for accurate 

measurements of valve performance. While these experiments are extremely valuable, they are time-

consuming and require multiple iterations of physical prototypes during the testing phase. 

Computational simulations could overcome these challenges, streamlining the design process and 

optimising the structural and hydrodynamic performance of AVRs under development. The objective 

of this thesis is to investigate the potential of computational modelling to predict hemodynamic and 

structural performance of aortic valves through a combined experimental-computational approach. In 

particular, the thesis investigates both finite element and fluid-structure interaction based approaches, 

implemented through Abaqus commercial software, and assesses their potential to robustly predict both 

the structural and hydrodynamic performance of AVRs.  

In this thesis, a tri-leaflet polymeric AVR, which was developed at the University of Galway, formed 

the basis for both experimental and computational work. All devices were manufactured in-house 

through compression moulding and a series of experimental bench top studies were carried out using 

an in vitro pulsatile flow rig to investigate the hydrodynamic performance of different valve designs 

according to ISO 5840. In parallel, a finite element based computational framework was developed to 

predict the systolic and diastolic configurations from in vitro testing and a range of surrogate parameters 

were proposed to provide direct insight into the in vitro hydrodynamic performance. This approach was 

then used to examine the effects of asymmetric and regional calcification patterns on the stenosed 

hydrodynamics of the aortic valve. Finally, a fluid-structure interaction model was developed using the 

Abaqus Coupled Eulerian Lagrangian (CEL) approach to predict the structural and hydrodynamic 

performance of the AVRs and to investigate the potential to conduct in silico bench testing of valve 

devices. To enable this, a bench top rig was designed and manufactured to enable detailed measurements 

of leaflet deformation and serve as validation for the Fluid Structure Interaction (FSI) simulations 

conducted.  

Through in vitro testing and in silico modelling, it was found that three-dimensional finite element 

modelling could be used as a predictor of the in vitro hydrodynamic performance of tri-leaflet aortic 

valve implants. Specifically, several surrogate measures were identified through regression analysis, 

whereby leaflet coaptation area, geometric orifice area and opening pressure were found to be suitable 

indicators of experimental in vitro hydrodynamic parameters of regurgitant fraction, effective orifice 

area and transvalvular pressure drop performance, respectively. This finite element framework was used 

to show that asymmetric and non-uniform calcification of aortic valves had a distinct effect on the 

predicted hydrodynamic performance, measured parameters and the indicated in vitro hydrodynamic 

performance. In particular, it was found that asymmetric calcification coverage was highly detrimental 

to the systolic Geometric Orifice Area (GOA), while symmetric calcification was actually more 

detrimental to diastolic parameters of diastolic GOA and Leaflet Coaptation Area (LCA). Finally, it 

was found that the Abaqus/CEL fluid-structure interaction approach could accurately predict 

experimentally observed leaflet deformations under two-dimensional flow conditions. In predicting the 

three-dimensional performance of a tri-leaflet valve, it was found that the computational model could 

capture certain features of the experimental performance across both a bicuspid and tricuspid valve, 

including peak systolic GOA, but failed to accurately capture bulk measures of performance that were 

present over the loading cycle (e.g. Effective Orifice Area (EOA)). This thesis highlights the distinct 

challenges in validating FSI-based models of structural and hydrodynamic performance of AVRs, while 

provided much-needed experimental data to this community.   
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CHAPTER 1  

Introduction 

1.1 Aortic Valve Disease 

Aortic stenosis is a valvular heart disease, whereby calcification build-up on the native valve 

leaflets leads to decreased blood flow during the cardiac cycle (Adams et al., 2019). In Europe, 

it is estimated that ~10% of people over the age of 80 suffer from aortic stenosis, with this 

number expected to double by the year 2040 (Hartley et al., 2021). Aortic stenosis can result 

from rheumatic heart disease, or due to a congenital bicuspid aortic valve (Mordi and Tzemos, 

2012), although the most common cause is due to calcific aortic valve disease (CAVD) (Otto 

et al., 1997). In CAVD, leaflet calcification is caused by native valvular interstitial cells 

acquiring a pro-calcific profile, due to calcium phosphate levels or low-density lipoprotein 

accumulation (Sun et al., 2013). This progressive calcification leads to stiffening of the aortic 

valve, which impedes the opening of the valve leaflets and restricts blood flow. CAVD can 

also result in blood flow regurgitation, whereby valve leaflets are unable to achieve full closure 

in the diastolic phase. This places increased pressure on the heart to maintain the required 

cardiac output, with patients experiencing left ventricular hypertrophy and potentially heart 

failure (Adams et al., 2019). Figure 1.1 shows examples of a minimally diseased and calcified 

valves.  



Chapter 1 

 

 

11 

 

It has been found that the progression of calcification of the native aortic valve follows regions 

of high strain (Arzani and Mofrad, 2017; Fisher et al., 2013; Weinberg et al., 2009) and is more 

likely to occur on the aortic side of the leaflets (Otto et al., 1997). Due to the complex 

mechanical environment of the native aorta, patterns are generally non-uniform and, in some 

instances, asymmetric (Larroche et al., 2020; Thubrikar et al., 1986). Figures 1.1C and D show 

clinical images of asymmetric calcification being observed (Larroche et al., 2020), whereby 

calcification has almost exclusively occurred on a single aortic leaflet. While it is well-known 

that valvular calcification leads to progressive stiffening and narrowing of the aortic valve 

orifice, there remain distinct challenges in clinical assessment of calcification and there is 

limited understanding of how non-uniform and/or asymmetric calcification of valve leaflets 

impacts hemodynamic performance.   

In a clinical setting, the effect of CAVD can be determined using computed tomography (CT) 

imaging to quantify the presence and severity of calcification, however this approach provides 

limited insight into the actual performance of the native valve. Alternatively, Doppler 

echocardiography may be used to estimate the hemodynamic parameters of the valve 

(Baumgartner et al., 2009). This approach directly estimates the jet velocity and overall 

hemodynamic performance. It enables the aortic valve area (AVA) to be determined, which 

provides a quantitative metric for aortic stenosis, which is classified as mild for AVA ≥ 1.5 

cm2, moderate for 1.5 cm2 ≥ AVA ≥ 1.0 cm2 or severe for AVA < 1.0 cm2. While additional 

parameters, such as transvalvular pressure drop (ΔP) and jet velocity, provide further guidance 

to clinicians on whether surgical intervention may be required, it remains critical that aortic 

stenosis and CAVD are treated early and efficiently due to the increased risk of fatality as the 

disease progresses (Padala et al., 2010). While the current clinical approaches to assess 

valve performance provide bulk measures of calcification and hemodynamics, there 

remains a lack of understanding of the relationship between specific features of aortic 
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stenosis, the progression of calcification, and overall hemodynamic performance of the 

native valve.  

 

Figure 1.1 Images of aortic valve calcification, adapted from Zhiduleva et al. (2018). A) 

Minimally diseased valve (left) compared with severely diseased and calcified valve (right). 

B) Early stages of valve calcification (left) compared with late stage lesions (right). C, D) 

planar images of aortic calcification, with several in vivo examples of asymmetric 

calcification from Larroche et al. (2020)  

1.2 Aortic Valve Replacements 

Severe aortic stenosis is treated with either surgical or transcatheter aortic valve replacement 

(SAVR or TAVR). Over 300,000 valve replacements are performed globally each year (Manji 

et al., 2012). The complicated design of the native valve presents significant design challenges 

when developing an aortic valve replacement (AVR). Originally, the first valve replacements 

that were used clinically were mechanical valves, which included the Edwards-Starr ball-and-

cage valve (Starr and Edwards, 1961). This was followed by the development of several hinge 

leaflet valves, with examples including the Medtronic Open Pivot Bileaflet and St Jude Medical 

Bileaflet (as shown in Figure 1.2a). In parallel, bioprosthetic heart valves (BHV) were being 
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developed, which are now widely used and consist of either bovine or porcine tissue leaflets 

treated with glutaraldehyde and mounted on a stent frame. These devices can be implanted 

surgically, although the recent trend has been towards minimally invasive delivery in the form 

of TAVR. While bioprosthetic devices have demonstrated positive clinical outcomes (Daubert 

et al., 2017), there is significant room for further design improvements to enhance structural 

durability and long-term hemodynamic performance. Durability is a problem, particularly in 

younger patients when the onset of structural valve degeneration can occur 10 to 15 years post-

implantation, then requiring re-intervention (Bradley, 2013; Friedewald et al., 2007; Kostyunin 

et al., 2020; Nishimura et al., 2014). Recently, there has been increasing interest in developing 

synthetic polymer leaflets as an alternative to bioprosthetic tissue leaflets in both SAVR and 

TAVR devices. Several groups have developed polymer-based AVRs that have demonstrated 

promising results from in vitro (De Gaetano et al., 2015; Rahmani et al., 2017), pre-clinical 

(Rahmani et al., 2016; Stasiak et al., 2020) and clinical testing (Kereiakes et al., 2021). While 

these polymeric valve devices are at an earlier stage of development, they have the potential to 

provide superior patient outcomes, as well as vastly improved efficiency in the 

manufacturability and reproducibility of TAVR devices (Claiborne et al., 2013a; Rotman et al., 

2019). However, several key issues arise in the development of polymer AVRs, such as the 

degradation of the polymer by hydrolysis affecting its mechanical properties (Ciolacu et al., 

2022), thrombosis and the onset of calcification (Ghanbari et al., 2009; Kidane et al., 2009).  
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Figure 1.2 Examples of mechanical (a) and bioprosthetic (b) heart valves from major 

manufacturers, adapted from Kheradvar et al. (2015). (c) Polymeric heart valves in 

development (left) TRISKELE from Rahmani et al. (2017), (right) TRIA Lifepolymer, Foldax 

(Kereiakes et al., 2021) 

1.3 In Vitro Testing 

The high performance required by AVRs means that each device must meet strict requirements 

that are set in the ISO 5840 standard series for “Cardiovascular implants — Cardiac valve 

prostheses” (International Organisation for Standardisation, 2021a, 2021b, 2021c).  Part 1 (ISO 

5840-1:2021) refers to the general requirements of cardiac valve design and outlines the 

selection of appropriate qualification tests and methods for heart valve substitutes. Part 2 (ISO 

5840-2:2021) refers specifically to the implantation of surgical cardiac valves, while Part 3 

(ISO 5840-3:2021) deals with transcatheter cardiac valve requirements. The ISO 5840 standard 

series outlines the preclinical testing conditions and physical parameters which are required for 
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approval by the FDA and EU governing bodies. Hydrodynamic and long-term durability testing 

are two of the key requirements for in vitro bench testing. These involve testing of AVR designs 

using pulsatile flow rigs that simulate left heart conditions, such as the Vivitro Pulse Duplicator 

shown in Figure 1.3. For hydrodynamic testing, the key parameters required by the ISO 5840 

are the measurement of effective orifice area (EOA), regurgitant fraction (RF) and 

transvalvular ΔP. Many comprehensive studies comparing these parameters across valve 

designs have been carried out on commercial flow rigs (Rahmani et al., 2017, 2012; Rotman et 

al., 2019; Stasiak et al. 2020), which are also capable of investigating additional parameters 

such as the left ventricular energy loss and leakage volumes. These are further indicators of 

valve performance and are useful in the design process. While durability and hydrodynamic 

testing according to ISO 5840 provides a comprehensive assessment of the structural and 

hemodynamic performance of valves, the development pathway typically involves a trial-and-

error process of design, prototyping and testing. Relying solely on this method contributes to 

high development costs and increased time to market for aortic valve devices.  

 

Figure 1.3 Vivitro Pulse Duplicator, adapted from Sathananthan et al. (2019) 
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1.4 Computational Modelling of Aortic Valve Biomechanics 

Computational modelling approaches are often used to aid the development of AVRs and 

optimise functional performance. These in silico approaches have the potential to reduce the 

scale of bench testing required, providing insight and optimisation into both structural and 

hemodynamic performance, thereby lowering development costs and reducing the overall 

time-to-market for devices. However, predicting the structural and hemodynamic behaviour of 

aortic valve implants in silico is a complex problem requiring the coupling of structural and 

fluid modelling techniques. Fluid-structure interaction (FSI) simulations have been developed 

and used to analyse valve kinematics (Luraghi et al. 2017), the flow profiles of valves and 

resulting wall shear stress (Kandail et al., 2018; Sodhani et al., 2018), as well as estimating the 

hemodynamic parameters of EOA, RF and transvalvular ΔP (Mao et al., 2016; Tango et al., 

2018). The FSI approach is not without its drawbacks, as its complexity means it is difficult to 

implement and requires a large amount of computational power.  As a result, uncoupled 

approaches have commonly been used to investigate the aortic valve (Claiborne et al., 2013b). 

1.4.1 Computational Fluid Dynamics and Finite Element Analysis 

Computational fluid dynamics (CFD) enables the analysis of hemodynamic flow through the 

valve and surrounding vessels, with the results of these simulations providing pressure 

contours, flow velocities, or local fluid parameters such as wall shear stress. For CFD 

simulations, it assumes that all boundaries are rigid, which means that valve opening, closing 

and/or deformation cannot be captured unless a moving wall condition is prescribed. As a 

result, CFD provides surprisingly limited information on the performance of AVRs in the 

context of the parameters specified in ISO 5840. These key parameters of EOA, transvalvular 

ΔP and RF are fundamental measures that are derived from valve opening and closing and 

require the structural deformation of the valve to be accounted for. As such, finite element 

analysis (FEA) provides a framework for structural simulations of the aortic valve, as shown 
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in Figure 1.4, allowing predictions of deformation and stress quantities under systolic and 

diastolic pressure conditions (Arcidiacono et al., 2005; Burriesci et al., 2010; Claiborne et al., 

2013a; De Gaetano et al., 2015; Haj-Ali et al., 2008; Kim et al., 2008; Li and Sun, 2017, 2010; 

Serrani et al., 2016; Smuts et al., 2011). Several studies have already demonstrated how FEA 

can be used for structural optimisation of valve design, with a view to reducing fatigue and 

increasing durability (Claiborne et al., 2013a; Serrani et al., 2016; Smuts et al., 2011). 

However, very few studies have examined the potential of structural FEA valve modelling to 

examine the hemodynamic performance of the aortic valve. Since the bulk hemodynamic 

parameters required by ISO 5840 are directly related to compliance of the valve, there is 

an opportunity to investigate the potential of FEA to provide insight into the 

hydrodynamic performance of AVRs.   

 

Figure 1.4 Structural von Mises stress analysis of an aortic valve at fully open and closed 

positions, adapted from Haj-Ali et al., (2008) 

1.4.2 Fluid-Structure Interaction Modelling 

To fully represent the hemodynamic flow and its effect on leaflet biomechanics, a coupled FSI 

simulation is required. Many FSI models have been developed to investigate heart valve 

biomechanics, with studies investigating the effects of calcification on TAVR performance 

(Halevi et al., 2016; Luraghi et al., 2020), comparing the hydrodynamic performance between 

SAVR and TAVR valves (Ghosh et al., 2018) and also providing insight into the performance 
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of the native valve (Chen and Luo, 2018). FSI has the added benefit of enabling detailed 

predictions of parameters not measurable in vivo, such as wall shear stress (Laadhari and 

Székely, 2017; Sodhani et al., 2018). A limited number of studies have sought to use FSI 

models to conduct in silico bench testing, with various authors estimating hydrodynamic 

performance of AVRs (Ghosh et al., 2018; Luraghi et al., 2019; Piatti et al., 2016, Tango et al., 

2018). FSI has the potential to speed up the design and development process by replicating the 

in vitro hydrodynamic testing required for ISO 5840. While several studies have measured 

these parameters (Mao et al., 2016; Piatti et al., 2016), very few have conducted any 

experimental validation of the predicted parameters from in silico bench testing. In fact, only 

a limited number of FSI studies have experimentally validated their FSI models by comparing 

them to in vitro testing through pulsatile flow rigs (Gharaie et al., 2018; Luraghi et al., 2017; 

Piatti et al., 2016; Tango et al., 2018). Many studies have only presented computational results 

from FSI simulations, and not included any experimental validation (Borowski et al., 2018; 

Chen and Luo, 2018; Hedayat et al., 2017; Kandail et al., 2018). There remains a significant 

need for approaches that provide experimental validation to FSI techniques before they 

can be more widely used for in silico bench testing.   

1.5 Objectives 

The objective of this thesis is to investigate the potential of computational modelling to predict 

hemodynamic and structural performance of AVRs through a combined experimental-

computational approach. In particular, the thesis investigates both finite element and fluid-

structure interaction based approaches, implemented through Abaqus commercial software, 

and assesses their potential to robustly predict the in vitro performance of AVRs. The specific 

aims of this research are as follows: 
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(i) To investigate the potential of FEA to predict the hydrodynamic performance of aortic 

valve implants during the development phase. 

(ii)  To investigate the role of non-uniform and asymmetric aortic stiffening on valvular 

performance using both in vitro testing and in silico modelling 

(iii) To investigate the potential of FSI to perform a hydrodynamic analysis of aortic valves 

according to the ISO 5840 standard using in vitro benchmarking and 2D modelling   

(iv) To perform full-scale 3D FSI simulations of AVRs and investigate the potential of the 

FSI framework to conduct in silico bench testing to streamline the hydrodynamic 

assessment of AVRs according to the ISO 5840.   

1.6 Thesis Structure 

The outline of this thesis is as follows: 

Chapter 2 outlines the existing literature relevant to this thesis. It provides a background to 

the aortic valve, its pathologies and treatment, with particular focus on AVRs. An overview of 

the design and testing process for AVRs through ISO5840 is provided and computational 

approaches for simulating aortic valve biomechanics are reviewed, with particular focus on 

FEA and FSI based approaches. 

Chapter 3 presents a review of the fundamental theory of continuum mechanics, in the context 

of the finite element method. The equations described provide the basis for developing models 

that simulate structural and fluid dynamics problems. The core concepts of continuum 

mechanics are introduced, then the modelling of materials using constitutive laws are 

examined. In the following sections, the finite element method is described and the Navier 

Stokes equations for fluid dynamics and the immersed boundary method for fluid-structure 

interactions are examined. 
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Chapter 4 presents an experimental investigation into the in silico modelling of aortic valves.  

The chapter investigates the potential of FEA to predict the hydrodynamic performance of 

aortic valve implants obtained during development through in vitro testing. In vitro 

experiments were developed in parallel with in silico models, and suitable surrogate measures 

were investigated as predictors of the hydrodynamic parameters.  

In Chapter 5, a computational framework is developed to examine aortic valve calcification. 

Through in vitro testing and in silico modelling, this chapter examines the effects of progressive 

aortic valve calcification on in vitro hydrodynamic performance.  The findings of this chapter 

are focused on the effects of regional and asymmetric aortic valve calcification distribution on 

hydrodynamic performance, demonstrated by the use of an in silico testing framework.  

Chapter 6 establishes a methodology for in silico bench testing prior to 3D implementation 

(Chapter 7).  It describes a 2D immersed boundary fluid-structure interaction (FSI) model to 

simulate aortic leaflet deformation using the Abaqus Coupled Eulerian-Lagrangian (CEL) 

approach, alongside an experimental flow rig that enables leaflet deformation to be visualised 

under 2D flow conditions.  

Chapter 7 details the development of a 3D aortic valve FSI simulation. The study considers 

two unique valve configurations, a bicuspid and tricuspid valve while comparing the in silico 

simulations with an in vitro pulsatile flow rig and polymer prosthetic valves. The FSI method 

was evaluated for its capability to measure hydrodynamic performance parameters.  

Chapter 8 summarises the conclusions of this thesis and discusses recommendations for future 

work.  
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CHAPTER 2  

Literature Review 

This chapter provides an overview of the literature relevant to this thesis. It provides a 

background to the aortic valve, its pathologies and treatment, with particular focus on aortic 

valve replacements (AVRs). An overview of the design and testing process for AVRs through 

ISO5840 is provided. Finally, computational approaches for simulating aortic valve 

biomechanics are reviewed, with particular focus on finite element and fluid-structure 

interaction based approaches. 

2.1 The Cardiac Cycle  

At the core of the cardiovascular system is the heart, a muscular organ that circulates 

deoxygenated blood from the body to the lungs and distributes re-oxygenated blood from the 

lungs to all the muscles and organs in the body. The heart, shown in Figure 2.1, consists of four 

chambers, two atria and two ventricles, which are separated by individual valves that control 

the unidirectional flow of blood. The right atrium receives deoxygenated blood via the vena 

cava, which is pumped from the right ventricle out through the pulmonary artery. The left 

atrium receives oxygenated blood from the pulmonary vein, which is pumped from the left 

ventricle out of the heart via the aortic valve and aorta. The heart is enclosed in a pericardial 
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sac that contains blood vessels and electrical synapses, which control contraction of the heart 

during each heartbeat.  

 

Figure 2.1 Anatomy of the heart, section view through the frontal plane (Tortora and Nielsen, 

2012). 

The cardiac cycle can be divided into several phases, which are represented schematically in 

Figure 2.2. At the beginning of the cycle, atrial contraction occurs, closing the mitral valve, 

while pushing blood into the left ventricle. The next stage is iso-volumetric contraction, 

whereby the ventricular pressure increases until it overcomes the aortic pressure, resulting in 

the opening of the aortic valve. In the systolic stage that follows, blood is ejected from the 

ventricles at high velocity through the aortic valves, until the volume in the ventricles has 

decreased. Iso-volumetric relaxation of the left ventricle then occurs, which results in a slight 

reverse in blood flow during aortic valve closure. Following this, the diastolic phase beings 

and the mitral valve opens, allowing blood to flow into the left ventricle, restarting the cardiac 
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cycle. The entire cycle lasts approximately 800-900 milliseconds.  For the disease of aortic 

stenosis, Figure 2.2 would be characterised by an increased ventricular pressure during systole, 

creating a large transvalvular pressure drop. 

 

Figure 2.2 The phases of the cardiac cycle (Hall, 2015). 

2.2 Heart Valves 

There are four valves in the heart whose primary function is to ensure unidirectional blood 

flow. The tricuspid valve separates the right atrium and right ventricle, while the pulmonary 

valve separates the right ventricle and pulmonary artery. The mitral valve separates the left 

atrium and the left ventricle, while the aortic valve separates the left ventricle and the aorta. 

Blood from the left ventricle is pushed through the aortic valve and into the aorta at large 

pressures and velocities to distribute blood to the rest of the body.  
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2.2.1 Aortic Valve Anatomy 

The aortic valve is located inside the aortic root, which is a direct continuation of the left 

ventricular outflow tract. The aortic root begins at the basal attachment of the aortic valve 

leaflets and finishes at the sinotubular junction where the leaflets attach peripherally, as shown 

in Figure 2.3. The aortic root is composed of the sinus of valsalva and the aortic valve leaflets. 

It can be described as a truncated cone because the diameter at the basal region is in general 

smaller than the diameter at the sinotubular junction.  

 

Figure 2.3 The right ventricular outlet tract (RVOT) has been pulled forward to show the left 

(L), right (R) and non-coronary (N) aortic sinus (Ho, 2009). 

The aortic valve leaflets are cusps that are semi-lunar in shape and composed of the leaflet free 

edge, central leaflet belly and basal attachment regions. The leaflets tend to be unique to one 

other, with slight variations in volume, height, width and surface area generally observed 

(Vollebergh and Becker, 1977). Behind each leaflet cusp are the sinus of valsava, which are 

pits that allow vortices to form in the blood to aid leaflet closure during diastole, an effect that 

was first suggested by Leonardo da Vinci around 1513 (Boon, 2010). The ostias of the coronary 
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arteries are generally located in the two anterior sinuses of valsalva, below the sinotubular 

junction.  

2.2.2 Aortic Valve Tissue 

The aortic valve is a passive tissue that maintains the unidirectional flow of blood through 

optimised structural organisation of its tissue components. The tissue in the valve leaflets is 

mainly composed of collagen, fibrin, elastin, glycosaminoglycans (GAGs), valve endothelial 

cells and valve interstitial cells (Zhiduleva et al., 2018). Through intricate arrangement of these 

tissue components, these tissue constituents enable outstanding functional capacity by the 

aortic valve, accommodating substantial hemodynamic loads throughout each repeated cardiac 

cycle. 

 

Figure 2.4 Cellular composition of the Aortic Valve Leaflets (Lerman et al., 2015). 

The aortic valve leaflets are heterogeneous and composed of 3 distinct layers, the fibrosa, 

spongiosa and ventricularis, as shown in Figure 2.4. The fibrosa is the thickest layer and is 

located on the aortic side of the valve. It is the primary load bearing side and is required to 

withstand the backpressure of the aorta and prevent regurgitation of blood into the ventricle. It 

is composed primarily of Type 1 Collagen bundles, whose alignment depends on their loading. 

When the fibres are unloaded, they resemble a crimped wavy configuration. When the fibres 



Chapter 2 

 

 

31 

 

are loaded during diastole, the fibres extend and align themselves in the circumferential 

direction. The spongiosa is located in between the fibrosa and ventricularis and is composed 

primarily of gelatinous GAGs and acts as a lubricant between the two load bearing layers 

(Zhiduleva et al., 2018). The ventricularis is located on the ventricular side of the leaflets. 

Unlike the fibrosa, the surface is smooth, which promotes laminar flow. It is composed of 

collagen and fibrin, while the fibres are aligned in the circumferential direction, shown in 

Figure 2.5.  

 

Figure 2.5 Image of an aortic cusp, highlighting the heterogeneous fibrous structure (Billiar 

and Sacks, 2000). 

2.2.3 Mechanical Properties of the Aortic Valve 

Due to the composition of the aortic valve leaflets, it exhibits anisotropic and hyperelastic 

mechanical responses under mechanical loading. Figure 2.6 shows a typical stress-strain 

response of an aortic valve leaflet, which can be divided into three main regions (Billiar and 

Sacks, 2000). The initial response shows a distinct toe region, where elongation of the crimped 

fibres in the fibrosa takes place. The second phase shows load take-up as the fibres re-orientate 

in the direction of loading. In Phase 3, substantial stiffening is observed as the fibres are fully 

elongated and orientated, providing maximum resistance. Due to the fibrous nature of the 

tissue, the response of the aorta in the circumferential direction is substantially stiffer than the 

radial direction.  
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Figure 2.6. Mechanical response in the circumferential and radial direction for fixed and 

fresh aortic valve leaflets in a preconditioned and preloaded state (Billiar and Sacks, 2000). 

2.2.4 Hemorheology 

Blood is composed mainly of red blood cells, white blood cells and platelets suspended in 

plasma. Because of these components, blood is described as a non-Newtonian fluid, whereby 

its viscosity is different depending on the shear-rate (Bodnár et al., 2011; Dintenfass, 1962). 

At low levels of shear, blood has an increased viscous effect and has a viscosity that is roughly 

four times that of water (Nader et al., 2019; Pop et al., 2002). As the shear-rate increases, the 

viscosity reduces through the shear thinning effect. This is important to consider in the design 

of AVRs as devices that result in high shear forces can have negative effects on the blood, such 

as damage to cells and thrombus formation (Hedayat et al., 2017).  

2.2.5 Aortic Valve Stenosis and Calcific Aortic Valve Disease 

Reports from the American National Heart Lung and Blood Institute Framingham Heart Study 

estimated the prevalence of valvular heart disease at 1-2% among 26 to 84 year olds (Rosamond 

et al., 2007). Aortic stenosis is the most common form of valvular heart disease, whereby a 

narrowing of the native valve orifice leads to obstruction of the left ventricular outflow (Nkomo 

et al., 2006) and increased left ventricular hypertrophy (Adams et al., 2019). It occurs in 2.8% 
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of adults older than 75 years of age (Eveborn et al., 2013; Stewart et al., 1997). Common causes 

of aortic stenosis are rheumatic valve disease, bicuspid valves with superimposed calcification 

and calcific stenosis. The effects of these diseases on the aortic valve are represented 

schematically in Figure 2.7. 

 

Figure 2.7 Morphology of several types of aortic stenosis, rheumatic, calcific and bicuspid 

(Otto, 2007). 

The narrowing of the aortic orifice is often caused by aortic sclerosis, where the leaflet 

cusps thicken as fibroblasts differentiate to myofibroblasts. This results in an accumulation of 

fibrotic tissue which in turn encourages calcium deposition on the leaflets causing calcific aortic 

valve disease (CAVD). CAVD is a valvular heart disease that begins with changes in the leaflet 

cells that eventually develop to calcification in the form of calcific lesions. These lesions are 

generally targeted on the aortic side of the valve leaflets (Warren and Yong, 1997), and greatly 

restrict their mobility. Studies have shown that the development of early lesions involve 

inflammatory cells in a similar mechanism to that of atherosclerotic arterial calcification (Otto 

et al., 1994). Leaflet calcification is driven by native valve interstitial cells that acquire a pro-

calcific profile in response to several pathological stimuli, such as increased calcium phosphate 

levels or low-density lipoprotein accumulation (Sun et al., 2013). The development of CAVD 

is shown in Figure 2.8.  
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Figure 2.8 Development of calcific aortic valve disease, showing the progression from initial 

lesion to a calcified stenotic valve (Alushi et al., 2020). 

It has been found that the development of calcification patterns on aortic valves has a 

mechanobiological basis, (Arzani and Mofrad, 2017; Fisher et al., 2013; Weinberg et al., 2009) 

with the patterns that generally arise being non-uniform and, in some cases, asymmetric. 

Thubrikar (1986) investigated over 300 explanted valves with calcifications and found that the 

majority of leaflets had calcification patterns that (i) occurred along the line of cusp coaptation 

(see Figure 2.9) or (ii) occurred as spokes spreading inwardly from the cusp attachment point 

towards cusp centre (see Figure 2.9), with a minority of cases having an indiscernible 

calcification pattern. There are many other studies that have observed asymmetric and non-

uniform calcification in aortic valves, although these studies have, in many cases, been focused 

on understanding the pre-operative state of the native aortic valve prior to aortic valve 

implantation. For example, in assessing the impact of calcification on transcatheter aortic valve 

replacement (TAVR) surgery, both Larroche et al. (2020) and Milhorini Pio et al. (2020) 

observed highly asymmetric calcifications on native valves, as shown in Figure 2.9b (i-ii). 

Here, calcification is almost completely confined to a single leaflet. Other similar studies, such 

as those by Sakrana et al. (2016) and Vargas et al. (2009), have observed more symmetric 
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calcification patterns, whereby calcification is distributed across the three leaflets, as shown in 

Figure 2.9b (v-vi), although there can be variation in the regions where this occurs. While it is 

well-known that valvular calcification such as this leads to progressive stiffening/narrowing of 

the aortic valve orifice, there remain distinct challenges in the clinical assessment of 

calcification and there is limited understanding of how non-uniform and/or asymmetric 

calcification of valve leaflets impacts hemodynamic performance.  

 

Figure 2.9 (a) diagram from Thubrikar et al.(1986) describing the calcification patterns 

present in 87% of explanted leaflets, where C is the line of cusp coaptation and A is the cusp 

attachment points and (b) planar images of aortic calcification, with several in vivo examples 

of asymmetric calcification (i-iii) and symmetric and regional calcification (iv-vi). Adapted 

from (i) Larroche et al. (2020), (ii) Milhorini et al.(2020) (iii) Tan et al. (2018) (iv) Larroche 

et al. (2020)(v) Sakrana et al.(2016) and (vi) Vargas et al. (2009)  

In cases of severe aortic stenosis and CAVD, blood flow is restricted through the aortic orifice, 

which requires increased loading from the heart to maintain an adequate cardiac output. The 
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obstruction of the left ventricular outflow tract results in increased left ventricular systolic 

pressure, increased left ventricular ejection time, decreased aortic pressures and increased left 

ventricular end-diastolic pressure. This contributes to left ventricular hypertrophy, which can 

subsequently result in heart failure. The quantity and location of calcification can be 

determined using computed tomography (CT) imaging. An Agatson score (Agatston et al., 

1990) is generally used to establish the severity of the calcification. The Agatson score is a 

measure of the calcified lesion area multiplied by a density score, which is established based 

on a Hounsfield unit density range. The Agatson score, shown in Table 2.1, is useful in 

determining the overall severity of calcification, but it lacks the ability to convey the location, 

or patterns of calcification established, as well as the actual performance of the valve. Until 

now, studies that have examined the severity and distribution of calcification have focused on 

its implications on the implantation performance of AVRs (Milhorini Pio et al., 2020). Still, 

there remains distinct challenges in clinical assessment of calcification and there is actually 

limited understanding on how the hemodynamic performance of the native valve is affected by 

calcification.  

Table 2.1 Calcium Score by Computed Tomography in Grading of Aortic Stenosis, adapted 

from Baumgartner et al. (2017b) (Values are given in arbitrary units using Agatston method 

for quantification of valve calcification) 

 Men Women 

Severe aortic stenosis very likely ≥3,000 ≥1,600 

Severe aortic stenosis likely ≥2,000 ≥1,200 

Severe aortic stenosis unlikely <1,600 <800 

2.3 Aortic Valve Mechanics 

2.3.1 Hemodynamics of Healthy and Stenosed Aortic Valve 

At the start of systole, the left ventricle contracts, overcoming the pressure in the aorta, forcing 

the aortic valve leaflets to open, and allowing blood to flow into the aortic tract. Systole lasts 

approximately one third of the aortic cycle, starting when the valve opens and ending when the 
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valve closes, lasting roughly 20-30 ms (Bellhouse, 1969). Peak flow occurs during the first 

third of systole, when the leaflets have fully opened. Following this, the flow decelerates, 

creating an adverse pressure gradient. Reverse flow and vortices occur between the leaflets and 

aortic sinus, which facilitate faster valve closure. (Pisani et al., 2013). As a result of faster 

closure, the closing volume or backflow is reduced. The amount of backflow that occurs during 

closure is estimated to be around 5% of the forward flow (Yoganathan et al., 2004). The valves 

are closed during isovolumetric contraction and isovolumetric relaxation. Healthy blood flow 

through the native valve can accelerate to peak values of around 1.35 +/- 0.35 m/s (Rossvoll et 

al., 1991). Flow is helical as it transcends the aortic arch, as shown from 3D magnetic resonance 

velocity mapping (Kilner et al., 1993). 

The standard clinical approach for diagnosing the impact of aortic stenosis on valve 

hemodynamics is using Doppler echocardiography, where direct imaging of the valve anatomy, 

calcification and flow are possible. This clinical evaluation approach is shown in Figure 2.10 

and can be used to provide quantitative measurements of the hemodynamic parameters of the 

valve and assess the severity of stenosis (Franke et al., 2020; Garcia and Kadem, 2006). 

 

Figure 2.10 Continuous wave Doppler of severe aortic stenosis jet showing maximum jet 

velocity and tracing of velocity curve for mean pressure gradient calculation (Baumgartner 

et al., 2009). 
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This approach directly measures aortic jet velocity, mean trans-aortic pressure gradient and the 

aortic valve area (AVA), which is determined by the continuity equation. Evaluation of the 

AVA by this method allows for aortic stenosis quantification as mild, moderate or severe based 

on thresholds summarised in Table 2.2 (Baumgartner et al., 2009).  

Table 2.2 Mild, Moderate and Severe Conditions for Aortic Stenosis. aESC Guidelines, 
bAHA/ACC Guidelines (Baumgartner et al., 2017a). 

  Mild Moderate Severe 

Aortic Jet Velocity (m/s) 2.6-2.9 3.0-4.0 >4.0 

Mean Gradient (mmHg) <20 (<30a) 20-40b (30-50a) >40b (>50a) 

AVA (cm2) >1.5 1.0-1.5 <1.0 

There are further core hemodynamic parameters that are used to assess the performance of the 

native aortic valves by clinicians. The transvalvular ΔP and effective orifice area (EOA) are 

frequently used to assess the extent of valvular heart disease, but also to evaluate the 

performance of replacement heart valves in vivo and in vitro. The transvalvular ΔP refers to 

the pressure gradient across the valve during systole where the ventricles contract, ejecting 

blood into the aorta and pulmonary artery. It is used to assess aortic stenosis, with pressure 

drops of greater than 40 mmHg being considered severe (Baumgartner et al., 2009). Clinically, 

the transvalvular ∆𝑃 is measured indirectly from echocardiography, whereby Doppler velocity 

measurements (𝑣) are used with the simplified Bernoulli equation (Eq. 2.1) to calculate the 

pressure (Franke et al., 2020). 

∆𝑃 =  4𝑣2    (2.1) 

The EOA is defined as the minimal cross-sectional area of the jet formed downstream of the 

aortic valve, as shown in Figure 2.11. It is often used during cardiac catheterisation to assess 

the severity of aortic stenosis in patients (Baumgartner et al., 2017a; Nishimura et al., 2014). 
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Figure 2.11 Representation of geometric orifice area (GOA) and effective orifice area (EOA) 

(Garcia et al., 2004). 

The EOA is calculated using the Gorlin Formula (Gorlin and Gorlin, 1951) given by 

𝐸𝑂𝐴 =  
𝑄𝑅𝑀𝑆

51.6√
∆𝑃
𝜌

    (2.2)
 

where 𝑄𝑅𝑀𝑆 is the root mean squared forward flow (ml/sec), ∆𝑃 is the mean transvalvular ΔP 

(mmHg) and 𝜌 is the density of the test fluid (g/cm3). Finally, the regurgitant fraction (RF) is 

a measure of aortic valve leakage and is calculated by the regurgitant volume (𝑅𝐺) as a fraction 

of the stroke volume (𝑆𝑉), as in Eq. (2.2) 

  𝑅𝐹 =
𝑅𝐺

𝑆𝑉
    (2.3) 

where 𝑅𝐺 is the sum of the closing volume and leakage volume. Several of these metrics that 

describe valve performance are not only relevant clinically, but also used extensively in 

assessing the performance of AVRs through standardised bench testing. These aspects are 

discussed in much more detail in Sections 2.4 and 2.5.  

2.4 Aortic Valve Replacements 

While clinicians can prescribe drugs to treat aortic stenosis, with statins and angiotensin-

converting enzyme (ACE) inhibitors showing beneficial effects in patients, in many cases these 
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are not sufficient and surgical intervention may ultimately be required with the implantation of 

AVRs. 

2.4.1 Surgical Aortic Valve Replacements (SAVRs) 

Surgical aortic valve replacements (SAVRs) are typically reserved for patients with severe 

aortic stenosis, as the implantation of such a device requires highly invasive and traumatic 

open-heart surgery. There are two main categories of SAVR, namely the Mechanical Heart 

Valve (MHV) and the Bioprosthetic Heart Valve (BHV).  

2.4.1.1 Mechanical Heart Valves (MHVs) 

The first MHV implantation was performed by Dr. Charles Hufnagel in 1952 whereby a ball-

and-cage valve consisting of a Plexiglas cage surrounding a silicone coated nylon poppet was 

implanted in the descending aorta. In the 1960s, the Starr-Edwards ball-and-cage valve was 

approved by the U.S. Food and Drug Administration (FDA) (Kheradvar et al., 2015; Matthews, 

1998), revolutionising treatment of valvular heart disease (Starr and Edwards, 1961). While the 

design was functional, it was not optimal as it featured a low EOA, high levels of shear 

promoting thrombus formation and therefore required extensive anticoagulant therapy. Figure 

2.12 shows several examples of caged-ball valves used as SAVRs. 

 

Figure 2.12 Caged ball valves (a) Hufnagel-Lucite valve, (b) Starr-Edwards, (c) Smeloff-

Cutter (Nair et al., 2003). 

MHVs progressed to mono-leaflet designs in 1969 and 1970, with the introduction of the Bjork 

Shirley and Lillehei-Kaster tilting disc valves, shown in Figure 2.13.  
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Figure 2.13 Tilting Disc Valves: (a) Bjork-Shiley Delrin valve, (b) Bjork-Shiley Standard, (c) 

Lillehei-Kaster (Nair et al., 2003). 

Designs have since progressed to bi-leaflet mechanical valves, such as the St-Jude, 

Carbomedics or the Edwards Duromedics (King et al., 1996). These designs are now widely 

used as they offer excellent durability, being implanted in 34% of patients 30 years and younger 

undergoing aortic valve surgery (Bradley, 2013). In vitro pulsatile testing has shown they are 

more than capable of meeting the minimum requirements for EOA (Wu et al., 2019). However, 

the main drawbacks remain the requirement for lifelong anticoagulant therapy (Kaneko and 

Aranki, 2013). Peak velocities can reach velocities higher than 2 m/s and frequently high shear 

stresses result in thrombus formation. Figure 2.14 shows the development of AVRs from the 

1950s to early 2000s.  
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Figure 2.14 Timeline of the development of prosthetic heart valves  (Dasi et al., 2009). 

2.4.1.2 Bioprosthetic Heart Valves 

MHVs, though still popular, are beginning to be replaced by bioprosthetic heart valves 

(BHV). The development of such valves was helped by the development of a tissue fixation 

method by Carpentier in 1969 (Carpentier et al., 1969), which enabled tissue-based valves using 

porcine leaflets or bovine pericardium cross-linked with glutaraldehyde. This protein cross-

linking technique improved the in vivo stability and overall durability of tissue-based leaflets 

(Dasi et al., 2009). BHVs mimic the design of the native valve, with three leaflets creating a 

central orifice that offers improved hemodynamic function compared to their mechanical 

counterparts. The first commercially available BHV was the Hancock Porcine Xenograft 

developed by Medtronic (Medtronic, Irvine, CA, USA). BHVs can be either stented or stentless. 

Stent frames are manufactured from materials such as Nitinol, Stainless steel or Cobalt 

Chromium and examples of stented BHVs include Carpentier Edwards Perimount Magna 
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(Figure 2.15) or Sorin Mitroflow. On the other hand, stentless BHVs do not feature a stent and, 

instead, the valve is sutured in position along the edge of the native leaflets. Compared to their 

mechanical counterparts, the durability of BHVs are lower, with clinical follow-ups finding 

that within 10 years 50% of patients with BHV implants develop complications (Mohammadi 

and Mequanint, 2011).  

  

Figure 2.15 Carpentier-Edwards Perimount Magna Ease Aortic Valve. Adapted from Baura, 

(2021)  

2.4.2 Transcatheter Aortic Valve Replacements (TAVRs) 

While the valves discussed so far are SAVR, which require open-heart surgery for 

implantation, the development of minimally invasive trans-catheter aortic valve replacements 

(TAVR) have enabled devices to be implanted without the need for open-heart surgery. These 

devices are recommended for use in elderly patients, or those who would be deemed higher risk 

and unsuitable for open-heart surgery (Grube et al., 2014). Generally, the devices are implanted 

via a transfemoral approach, whereby an incision is made to the femoral artery and the valve is 

delivered to the aortic root via catheter. Currently, there are several FDA approved TAVRs on 

the US market, including Medtronic’s CoreValve (Medtronic Inc., Minneapolis, Minnesota) 

and Edwards Sapien Valve (Edwards Lifesciences, Irvine, California), shown in Figure 2.16. 

The Sapien valve consists of three bovine pericardial leaflets on a Cobalt-Chromium stent of 
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short profile to minimise stent protrusion into the left ventricular outflow tract, while 

minimizing conduction interference and obstruction of the coronary arteries. The Corevalve 

uses porcine tissue leaflets, mounted on a self-expanding Nitinol stent of elongated and 

contoured profile. This enables the stent to conform to the aortic root while distributing stress 

to designated areas and minimising para-valvular leakage.  

 

Figure 2.16 (a) Medtronic Corevalve (b) Edwards Sapien (Tzamtzis et al., 2013). 

Recently, TAVR has been cleared for use in low-risk patients based on the recent global 

prospective multi-centre clinical trial (Bajwa et al., 2019; Mack et al., 2019). As such, there is 

a widely expanding and younger patient population of 270,000 new patients per year in the EU 

and US now eligible for TAVR based on the results of these trials (Durko et al., 2018). While 

the market demand for TAVR valves is increasing, the existing valves cannot fulfil this demand 

due to several deficiencies. Presently, all FDA approved and CE marked TAVR use animal-

derived pericardium tissue as the leaflet material, generally from bovine or porcine origin (Tam 

et al., 2017). This must be sourced from animals residing in disease-free areas not affected by 

bovine spongiform encephalopathy (BSE) (Kumagai et al., 2019). The pericardium material, 

its chemical processing, and its hand suturing to frames alone accounts for approximately 25% 
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of the unit manufacturing cost of the whole TAVR system, which is a substantial cost for valve 

manufacturers. Additionally, there are existing challenges with pericardium leaflets including 

tissue deterioration, calcification, leaflet thrombosis and limited durability that affect 

performance of the valve in the patient (Blackman et al., 2019; Kostyunin et al., 2020; 

Rodriguez-Gabella et al., 2017). This has led researchers to explore robust synthetic 

alternatives to animal pericardium to perform the same function of a heart valve leaflets.  

2.4.3 Polymer Valve Technologies 

With a substantial unmet need for a durable, cost-effective, easily manufactured heart valve 

replacement from a traditional engineered material, there are still distinct challenges to be met 

in this area (Ghanbari et al., 2009). Polymer valves have been trialled since the 1960s but have 

been limited by structural failure, calcification and thrombosis (Resor and Bhatt, 2019). The 

first polymeric valve with flexible silicone leaflets resulted in high mortality due to limited 

durability and thrombogenicity (Roe, 1969). Polytetrafluoroethylene (PTFE) was recently used 

in paediatric pulmonary replacements (Ando and Takahashi, 2009), but due to historical studies 

showing poor performance in relation to stiffening and calcification, it has not been adopted 

(Nistal et al., 1990). The development of a polymer material that could replicate the geometry 

of the native leaflets, resist calcification, and be structurally durable is of great interest.  

Several groups have developed prototypes that have performed well in in vitro testing (Coulter 

et al., 2019; De Gaetano et al., 2015; Rahmani et al. 2016, Rahmani et al. 2017). Burriesci and 

co-workers have developed a self-expanding polymeric TAVR called the TRISKELE with an 

adaptive sealing cuff and nitinol wire frame (Rahmani et al. 2016, Rahmani et al. 2017). 

Comprehensive in vitro testing of the TRISKELE valve against commercial counterparts 

(Edwards SAPIEN XT and Medtronic CoreValve) showed comparable, and in some cases, 

superior performance with significant reduction in paravalvular leakage (Rahmani et al., 2017). 

The TRISKELE valve also demonstrated feasibility in an acute ovine model by Rahmani et al., 
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(2016), where it was shown to have successful anchoring and good leaflet motion and had the 

potential to mitigate complications related to imprecise valve positioning. Costantino and co-

workers have also developed tri-leaflet polymeric AVR protoypes, with De Gaetano et al. 

(2015a, 2015b) demonstrating that computationally-optimised valve prototypes tested in vitro 

under continuous and pulsatile flow conditions met the ISO 5840 regurgitation fraction and 

EOA requirements. Durability testing showed that this polymer AVR had durability of greater 

than 1.2 billion cycles (30 years equivalent), with in vivo short-term (1–24 hours) feasibility 

demonstrating good suturability, no mechanical failure or regurgitation and good 

biocompatibility (Stasiak et al., 2020) Another promising polymer valve by Foldax (TRIA 

LifePolymer [LP], Foldax USA), shown in Figure 2.17, has recently shown promising clinical 

results following implantation in humans (Kereiakes et al., 2021). The valve features a newly 

developed siloxane-based polyurethane-urea, with 3 flexible leaflets cast onto a polyether-ether 

stent with a PTFE sewing ring. Based on a clinical study of 15 subjects, it was found that after 

one year the implanted TRIA valve resulted in normalised pressure gradients with cardiac 

output and improved EOA post operatively, compared to pre-implantation levels (see Figure 

2.17). This valve is now being considered for a larger-scale clinical trial.  
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Figure 2.17 TRIA LifePolymer Heart Valve hemodynamic performance after one year, 

adapted from Kereiakes et al. (2021) 

2.5 Design and Testing of Aortic Valve Replacements 

2.5.1 ISO 5840 Standard for Heart Valves 

AVRs are now widely used and have shown good clinical outcomes (Daubert et al., 2017). 

However, there is potential for further design improvements to enhance their structural 

durability and long-term hemodynamic performance. There are challenges in the development 

of the next-generation of AVRs that must be overcome to achieve suitable designs capable of 

withstanding the demanding functional requirements at the native aortic root. These mechanical 

requirements relate to both structural and hemodynamic performance, with the implant required 

to withstand high cycles of pulsatile pressures over its lifetime. Over a cardiac cycle, AVRs 

should provide minimal resistance to forward blood flow to maximise orifice area in the open 
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configuration, have a low pressure differential to revert to the closed configuration, and 

facilitate rapid closure to reduce volume regurgitation or forward flow energy loss. 

Development takes place through both in silico modelling and in vitro bench testing, with the 

latter being a more widely used, readily available, and standardised approach. ISO 5840:2021 

(International Organisation for Standardisation, 2021a, 2021b, 2021c) describes the in vitro 

bench testing to be performed and is the international standard that provides guidelines, 

specifications, and minimum design criteria that cardiac valve prostheses must fulfil to be 

deemed safe and effective for patients by the FDA and relevant EU notified bodies. For 

durability testing, AVRs with gradual degradation failure modes must be able to withstand 200 

million consecutive cardiac cycles. AVRs with the potential for immediate failure must 

withstand 400 million cycles to comply with the standard (International Organisation for 

Standardisation, 2021a). Hydrodynamic assessments are performed using pulsatile flow bench 

test systems, such as the Vivitro pulse duplicator system in Figure 2.18, which simulate 

physiological conditions and are used to assess valve hydrodynamic performance. 

 

Figure 2.18 Vivitro pulse duplicator system. Adapted from Rahmani et al. (2017) 

 ISO 5840 defines acceptable values for key performance parameters of EOA and RF for 

surgical and transcatheter AVRs operating at normotensive conditions at a range of orifice sizes 
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(International Organisation for Standardisation, 2021c, 2021b). The required values for EOA 

and RF for the aortic valve are listed in Table 2.3. 

Table 2.3. Minimum device performance requirements, aortic (International Organisation for 

Standardisation, 2021c). 

  Valve size mm 

Parameter 17 19 21 23 25 27 29 31 

EOA (cm2) greater than or equal 

to 
0.7 0.85 1.05 1.25 1.45 1.7 1.95 2.25 

Total regurgitant fraction (% of 

forward flow volume) less than 

or equal to 

10 10 10 10 15 15 20 20 

Many comprehensive studies comparing these parameters across valve designs have been 

carried out on commercial flow rigs, such as that described by Rahmani et al. (2012). Studies 

that report hydrodynamic testing have been carried out on bioprosthetic valves to understand 

the correlation of long-term calcification with abnormal flow patterns (Barannyk et al., 2017), 

and to compare novel TAVR designs against current market offerings (Rotman et al., 2019). 

Such commercial flow rigs are also capable of investigating additional parameters such as the 

left ventricular energy loss, leakage volumes and transvalvular ΔP, which are further indicators 

of valve performance and useful in the design process. Rahmani et al. (2017) provides one of 

the most detailed studies in this area, whereby they conducted extensive hydrodynamic testing 

on a newly developed tri-leaflet polymer-based TRISKELE valve with an Edwards Sapien XT 

and Medtronic Corevalve across a range of orifice sizes using a Vivitro pulse duplicator (see 

Figure 2.19). Each orifice size was investigated and tested across cardiac outputs from 2-7 

L/min in increments of 1 L/min. The resulting transvalvular ΔP, EOA, RF and left ventricular 

energy loss were recorded, with the TRISKELE offering comparable or superior performance 

to the control valves. The valve offered a significant reduction in paravalvular leakage with 

improved anchoring and sealing. De Gaetano et al. (2015a) also conducted a similar 

investigation on a polymeric valve, which was tested in vitro using a specially designed pulse 
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duplicator according to the ISO 5840 standard, which showed that prototypes met requirements 

in terms of both regurgitation and EOA. De Gaetano et al. (2015b) again tested a polymeric 

valve in vitro according to ISO 5840, meeting the requirements, and performed a comparison 

with other mechanical heart valves and tissue-based heart valves.  

 

Figure 2.19 Transvalvular ΔP and EOA for each valve across cardiac outputs from 2-7 

L/min, adapted from Rahmani et al. (2017). 

While durability and hydrodynamic testing according to ISO 5840 provides a comprehensive 

assessment of structural and hemodynamic performance of valves, the development pathway 

typically involves a trial-and-error process of design, prototyping and testing. Each design 

iteration requires an extensive suite of bench tests (International Organisation for 

Standardisation, 2021a, 2021c, 2021b) and relying solely on this method contributes to high 

development costs and increased time to market for aortic valve devices. 

2.6 Computational Approaches for Aortic Valve Biomechanics 

2.6.1 Structural Finite Element Modelling of Aortic Valves 

FEA has been widely used for structural analysis of the aortic valve, predicting leaflet 

deformation in open and closed configurations (Arcidiacono et al., 2005; Burriesci et al., 2010, 
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1999; Claiborne et al., 2013; Haj-Ali et al., 2008; Kim et al., 2008; Li and Sun, 2017, 2010; 

Serrani et al., 2016; Smuts et al., 2011). Many FEA studies perform a structural loading 

analysis (Figure 2.20), with a view to optimising leaflet or frame design to enhance fatigue 

behaviour and overall durability (Claiborne et al., 2013; Serrani et al., 2016; Smuts et al., 2011).  

 

Figure 2.20 Structural FEA simulations showing stress distributions in circumferential and 

transverse directions across the valve leaflets (Smuts et al., 2011). 

A structural FEA analysis of the aortic valve typically applies a pressure load, uniformly 

distributed across the valve leaflets. For systole, the load is applied at the ventricular side, while 

in diastole the load is applied to the aortic side of the leaflets. Different methodologies have 

been used to model the geometry of the valve leaflets. Several studies simplify the surrounding 

stent frame or aorta and isolate the simulation to the leaflet cusps, which have been modelled 

using both 3D elements or shell-based elements (Gnyaneshwar and Kumar, 2002; Haj-Ali et 

al., 2008). Smuts et al. (2011) used this approach to explore to investigate TAVR concepts, 

which were developed by incorporating valve design and performance parameters, along with 

stent constraints. Through this approach, the role of leaflet material, material orientation and 

abnormal valve dilation on the valve function was investigated by examining the resulting 

stress distribution across the valve leaflet. Smuts et al. (2011) also used FEA to simulated 

attachment forces and compared them to suture tearing tests performed on the pericardium 
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tissue. There are many benefits to structural analysis of the aortic valve. Several parameter and 

optimisation studies have been used to optimise the design of prosthetic valves for structural 

loading (Abbasi and Azadani, 2020; Hamid et al., 1984; Travaglino et al., 2020). Travaglino et 

al. (2020) used a Bayesian optimization (BO) based computational framework to investigate 

the design of transcatheter aortic valve leaflets and to optimize leaflet geometry such that its 

peak stress under the blood pressure of 120 mmHg was reduced. Through this approach, it was 

observed that peak stresses tend to concentrate near the stent-leaflet attachment edge and that 

increasing leaflet contact area redistributed peak stresses to the belly region, contributing to 

peak stress reduction. Morganti et al. (2015) proposed a new methodology to enable patient 

specific predictions of aortic valve closure using iso-geometric analysis for the model 

construction. This enabled a highly efficient method, which had two orders of magnitude fewer 

nodes than the finite element model, but maintained the same accuracy as the finite element-

based approach 

FEA has also been used to extensively to investigate the effect of deployment geometry on 

leaflet deformation for TAVR systems (Auricchio et al., 2014; Barati et al., 2022, 2021; Dimasi 

et al., 2015; Gunning et al., 2014; Kusneri et al., 2021; Sturla et al., 2016). Gunning et al. (2014) 

simulated TAVR deployment in a patient-specific aortic root and used this to investigate the 

role of asymmetric stent morphology on leaflet coaptation geometries and resulting stress 

distributions within the leaflet (see Figure 2.21). Comparing to those of the idealized circular 

deployed TAVR, it was found that realistic valves had an eccentricity up to ~0.65 and this 

resulted in a more heterogeneous stress distribution than circularly deployed valves, with a 

higher proportion of the tissue leaflet volume experiencing stresses less than 0.2 MPa. It was 

concluded that preoperative planning of stent orientation could increase leaflet durability 

through decreased stress caused by stent distortion. FEA has also been used to examine the 

effect of calcification patterns on the native leaflet on TAVR stent expansion (Dimasi et al., 
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2015; Sturla et al., 2016). Nappi et al. (2018) used FEA to better understand the diagnosis of 

thrombosis with regards to TAVR, finding a link between uncrushed calcifications, delayed 

dislodgement of TAVR and late thrombosis. Morganti et al. (2014) also demonstrated the 

ability of FEA to simulate patient-specific implantation of TAVR and used such approaches to 

provide predictions of patient-specific post-operative outcomes of TAVR procedure, in 

particular investigating the role of positioning on valve performance (Morganti et al., 2016). 

Tzamtzis et al. (2013) used FEA to investigate the radial force exerted by the Medtronic 

Corevalve and Edwards Sapien valve, finding that for both valves, the forces were substantially 

higher at smallest annular sizes, while for the self-expanding Corevalve, the force depended on 

the diameter of the left ventricular outflow tract. Several other studies have focused on the 

design of the TAVR itself. Rodriguez Matas and co-workers (Barati et al., 2022, 2021) have 

recently developed optimisation frameworks to enable patient-specific multiscale design 

optimization of transcatheter aortic valve stents. This multi-objective patient-specific 

optimization framework alters the geometrical design by targeting objectives of maximum 

crimping strain, radial strength, anchorage area, and the eccentricity of the stent, with optimised 

models providing significantly enhanced performance compared to the base design, 

particularly when radial strength and anchorage area were considered.   
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Figure 2.21 Effect of deployment geometry on TAVR leaflet deformation adapted from 

Gunning et al. (2014), showing (a) CT scan of aorta, (b) 3D mesh reconstruction and (c-f) 

TAVR deployment in several aortic root geometries. 

While these studies showcase the benefits of a structural FEA simulation for aortic valves, 

these simulations focus primarily on stress distributions, overall deformation, or design 

optimizations. Very few studies have sought to directly compare the predictions from structural 

FEA models with experimental flow rigs or provide insight into the hydrodynamic performance 

of the valve. Haj-Ali et al. (2008) have presented a combined computational and experimental 

approach for the nonlinear structural simulations of polymeric tri-leaflet aortic valves, whereby 

the structural model was subject to averaged transvalvular pressure waveform measured from 

repeated in vitro tests conducted with a left heart simulator (see Figure 2.22). Qualitative and 

quantitative deformation measures were defined, and it was found that the structural model 

predicted kinematic deformation metrics with maximum errors around 10%, especially in 

systole. This approach provided a pathway to explore structural behaviour, but the simulations 

also provided insight into opening areas, thereby providing certain insight into hydrodynamic 

performance. However, only a limited number of other studies have explored this concept of 

interpreting hydrodynamic parameters from structural FEA (Pfensig et al., 2017). 
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Figure 2.22 A comparison of in vitro deformation with in silico FEA models, alongside 2D 

von Mises Stress and 2D Log-Strain distributions, adapted from Haj-Ali et al. (2008) 

2.6.2 Fluid-Structure Interaction Modelling of Aortic Valves 

FSI models combine traditional computational fluid dynamics (CFD) and FEA simulations to 

examine the interaction between structure and fluid. For uncoupled CFD simulations, the fluid 

domain is limited to a static solid boundary and thus cannot replicate the dynamic motion of 

the leaflets, but rather investigate valve performance at different stages of the cardiac cycle. 

Thus, CFD has been a popular method for investigating the hemodynamics of the aortic tract 

(Zhu et al., 2018) and has been employed to investigate aspects such as the effect of sclerosis 

and stenosis on the wall shear stress and ejection force for TAVR (Dwyer et al., 2009). In the 

case of mechanical heart valves, it has been used to examine how vortex shedding provides the 

conditions for free emboli formation, where platelets exposed to high flow stresses can activate 

and aggregate (Bluestein et al., 2000). While CFD provides insight into flow characteristics of 

the aortic valve, it provides surprisingly limited information on the hydrodynamic performance 

parameters required by ISO 5840 (e.g. EOA, RF, transvalvular ΔP). To fully capture these 
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characteristics, the progressive opening and development of flow needs to be modelled, which 

requires coupling of fluid and structural simulations in an FSI model.  

The benefits of using FSI over FE structural models for heart valve simulations have been 

shown to offer increased accuracy in the prediction of leaflet deformation (Luraghi et al., 2017). 

In addition, it provides the ability to directly measure dynamic hydrodynamic parameters of 

EOA, regurgitant volumes and transvalvular ΔP (Ghosh et al., 2018; Luraghi et al., 2019).  FSI 

simulations require advanced discretisation methods. There are two primary approaches, one 

being monolithic and the other partitioned. In a monolithic approach, the fluid and structural 

domains are solved simultaneously, such as the immersed boundary (IB) method (Peskin, 

2002). In this approach, the fluid mesh and structural mesh do not conform to the other, but 

instead the boundary conditions between structure and fluid are included in the model 

equations. Generally, when it comes to modelling the highly flexible thin leaflet of the aortic 

valve, the IB method is preferable over partitioned (Sodhani et al., 2018). In a partitioned 

approach, the structural and fluid domains are meshed independently of the other. Thus, as the 

geometry changes shape throughout a simulation, remeshing is required. The advantage of this 

method is that it allows independently developed CFD and FEA methods to be used together. 

For them to work together, an interface that passes information between each simulation is 

required. The Arbitrary Lagrangian-Eulerian (ALE) method is an example of a partitioned 

conforming mesh. Figure 2.23 shows an example of an IB and ALE formulation. Another FSI 

approach that can be used is the solid particle hydrodynamics (SPH) method. As a mesh-free 

particle-based method, it is efficient at simulating fluid flows with high levels of deformation 

and complex geometries, such as heart valves (Mao et al., 2017, 2016; Monteleone et al., 2022). 

Mao et al., (2016) compared FEA-only and SPH based FSI simulations of TAVR to simulate 

leaflet dynamics throughout the cardiac cycle, finding the SPH-based model could capture 

realistic deformation and higher peak stresses than observed in the FEA-only model. 
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Figure 2.23 Example of an IB and ALE discretisation scheme in consequent time-steps (left to 

right) for a 2D flexible aortic valve leaflet, adapted from Bavo et al. (2016). 

Table 2.4 summarises a range of FSI based studies in the literature. Many studies have used 

either ALE or IB methods to analyse aortic valve fluid and structural dynamics under a range 

of different conditions. Early FSI studies generally required simplifications due to the 

computational resources available at the time, using either two-dimensional representations or 

idealised aortic roots to predict valve flow and structural performance (De Hart et al., 2000). 

De Hart et al. (2003) presented one of the first studies on a three-dimensional valve with 

structural opening due to the fluid flow interaction. However, it is very noticeable from Table 

2.4 that these early studies generally provided limited comparisons to experiments.  

As computational power became more advanced, patient-specific cases and image-based 

models of the aortic root and valves could be simulated. Kandail et al. (2018) examined the 

annular and supra-annular locations for CoreValve deployment in patient-specific scans, with 

the CoreValve first deployed using a finite element approach (see Figure 2.24). FSI simulations 

used an ALE approach and realistic boundary conditions derived from in vivo conditions were 

applied. This study provided detailed predictions on how CoreValve deployment location 

affected hemodynamics in the ascending aorta and flow patterns in the coronary arteries, with 
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detailed predictions of wall shear stress, jet velocities and leaflet deformations provided. 

Luraghi et al. (2020) used a similar approach to investigate the effects of calcification on TAVR 

performance by analysing how para-valvular leakage was affected by the presence of calcium 

particles (Luraghi et al., 2020). Several other studies have used similar patient-specific 

approaches (Luraghi et al., 2019a; Luraghi et al., 2019b,  Nannini et al., 2021; Qin et al., 2021), 

whereby FSI was used to provide detailed predictions of the in vivo performance of AVRs. 

However, it should be noted that there are distinct challenges, and somewhat limited efforts, to 

validate such models due to the difficulty in obtaining relevant measures in vivo.  

 

 

Figure 2.24 Velocity contours for CoreValve in annular and supra-annular location at time- 

points (A-C) during the cardiac cycle, adapted from Kandail et al. (2018) 

Several studies have included an experimental component to offer a side-by-side comparison 

or validation for FSI models. Gharaie et al. (2018) presented an ALE-based FSI model to predict 

structural deformation of a custom-made polymeric aortic valve under physiological 
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conditions. This study predicted leaflet kinematics and geometric orifice area and compared 

these to experimental measurements from an in vitro pulsatile flow rig, finding good agreement 

with the experimental results with a maximum error of only 15% in a single cardiac cycle. 

Similarly, Piatti et al. (2016) examined a polymeric aortic valve prototype with an ALE-based 

FSI model and in vitro hydrodynamic testing to assess the validity of the model, finding a max 

error of <5% between experimental and simulated EOA. Ghosh et al. (2018) compared the 

leaflet kinematics and EOA of a TAVR between a Vivitro pulsatile flow rig and in silico ALE 

FSI models, finding good agreement in measured cardiac output and leaflet kinematics, while 

EOA of 2.03cm2 was measured in vitro and 2.34cm2 measured in silico. Sodhani et al. (2018) 

created an IB FSI simulation for a prosthetic aortic valve to replicate an in vitro experiment, 

measuring the geometric orifice area and flow rate across one cycle, with good agreement 

between the model and experimental results during systole.  

Luraghi and colleagues directly compared the leaflet deformation across a structural FEA, FSI 

and in vitro experiment, finding that the FSI results better replicated the experimental valve 

kinematics than the FEA (Luraghi et al., 2017) (see Figure 2.25). There was a maximum 

difference of 5% between the experimental and FSI GOA at max opening time, compared to a 

difference of 46.5% between the experimental and FE GOA. Bavo et al. (2016) presents a 

comparison of the ALE method with the IB method for modelling the highly dynamic motion 

of the aortic valve under pulsatile flow. The method described by Bavo was the Coupled 

Eulerian Lagrangian (CEL) method, present in the commercially available Abaqus software. 

Currently, this is the only instance of the Abaqus/CEL method being used to model the aortic 

valve in the literature. The study also lacks an experimental component for validation and does 

not attempt to extract the hydrodynamic parameters required in in vitro testing. Here, the author 

of this thesis acknowledged room for further investigation to the Abaqus/CEL method for 

modelling the aortic valve, which is addressed in Chapters 6 and 7.  
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In addition to research, there has been a recent push in industry for verification and validation 

of simulations to aid the development of medical devices. This allows industry to accelerate 

testing of new devices in circumstances where experimental tests can be achieved 

computationally. To help define where using simulations are appropriate, the American Society 

of Mechanical Engineers (ASME) Verification and Validation (V&V) 40 standard has been 

developed (ASME, 2018). This is an FDA-recognised standard that provides a risk-based 

protocol to help evaluate the credibility requirements of a computational model. Morrison et 

al., (2019) have demonstrated how the framework can be applied to the evaluation of a 

centrifugal blood pump, and there are several examples of its use in vascular stent design 

(Antonini et al., 2021; Berti et al., 2021). However, a rigorous and systematic presentation of 

valve performance has not yet been addressed in a V&V context. 

 

 

Figure 2.25 Comparison of geometric orifice area across experimental, structural finite 

element and FSI analysis of an aortic valve replacement (Luraghi et al., 2017).  
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2.7 Conclusions 

This review of the literature has established the background of this thesis in relation to the 

development of AVRs, with particular focus on the bench testing requirements that are needed 

during development. Furthermore, a review of computational approaches for simulating aortic 

valve biomechanics were presented, with particular focus on finite element and fluid-structure 

interaction based models used to predict AVR performance.  

The review observed the usefulness of structural finite element modelling for valve design, but 

that there was a lack of literature investigating its ability to predict hemodynamic performance. 

In particular, it was found that finite element analysis (FEA) had been widely used to predict 

the structural performance of the aortic valve by simulating opening and closing configurations 

(Arcidiacono et al., 2005; Burriesci et al., 2010; Claiborne et al., 2013; Haj-Ali et al., 2008; 

Kim et al., 2008; Li and Sun, 2017, 2010; Serrani et al., 2016; Smuts et al., 2011). However, 

to date, these studies have been mainly used during the design process to reduce stress in the 

leaflet and/or frame with a view to enhancing durability of the valve. To date, few studies have 

sought to use FEA to examine hydrodynamic performance of the valve. 

In relation to FSI models of AVR performance, it is clear that FSI has been widely applied to 

AVRs to provide insight into structural and hemodynamic performance of the valve. However, 

the majority of FSI studies have not included an experimental validation component, which 

brings into question their wider applicability. Even for studies that do include experimental 

validation, this typically takes place using bulk in vitro testing on AVRS using pulsatile flow 

rigs (Gharaie et al., 2018; Luraghi et al., 2017), which can present challenges in fully 

understanding leaflet deformation. While FSI models have the potential to speed up the design 

and development process by replicating the in vitro hydrodynamic testing required for ISO 
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5840, there remains a significant need for approaches that provide robust experimental 

validation to FSI techniques to maximise their application during the design process.  

 

  



 

 

 

Table 2.4. Overview of Valve Fluid-Structure Interaction Studies, experimental components and hydrodynamic parameters. 

Author & Year Study Description  
FSI Method 

Aortic 

Valve 

Experimental 

Validation 

Hydrodynamic 

Parameters evaluated  

(Qin et al., 2021) 3D patient-specific fluid-structure 

interaction (FSI) simulations of 

bicuspid aortic valve (BAV) with fully 

coupled flow dynamics and valve 

motions throughout the cardiac cycle to 

investigate BAV hemodynamics 

Fully coupled Abaqus 

solid particle 

hydrodynamics (SPH) 

and FE 

Native 

bicuspid 

Clinical data, 

pressure 

gradients and 

CT scans 

Peak velocity, normalized 

flow displacement, and jet 

angle 

(Nannini et al., 2021) A fluid-structure interaction (FSI) 

protocol, based on patient-specific 

geometry and boundary conditions, to 

assess impact of proximal aortic grafts 

on downstream aortic hemodynamics 

and distensibility. 

2-way FSI coupling  

FE and CFD 
Native 

Cardiac 

magnetic 

resonance 

(CMR), 

including 

MRA, cine-

CMR and 4D 

flow 

sequences 

Velocity, aortic 

distensibility, stress and 

strain and wall shear stress 

(Terahara et al., 

2020) 

An isogeometric sequentially-coupled 

FSI (SCFSI) method that can address 

the challenges of unsteady flow through 

a complex geometry, solid surfaces with 

large motion, and contact between the 

valve leaflet with an outcome of high-

fidelity flow solutions 

Sequentially coupled 

FSI (SCFSI) 
BHV No Velocity, wall shear stress 

(Luraghi et al., 2019)  Assessing the affect of clinical data 

quality on fluid-structure interaction 

simulations of patient-specific stenotic 

aortic valve models 

ALE 

Stenosed 

Native 

Aortic 

Valve 

Doppler 

Echocardiogra

phy 

Jet Velocity, GOA 
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Author & Year Study Description  
FSI Method 

Aortic 

Valve 

Experimental 

Validation 

Hydrodynamic 

Parameters evaluated  

(Luraghi et al., 2019) Modeling of a patient-specific 

transcatheter aortic valve replacement 

with a fluid structure interaction 

approach 

Coupled CFD and FE TAVR 

Yes - Doppler 

echocardiogra

phy 

Flow rate, GOA, 

regurgitant volume, EOA 

(Abu Bakar et al., 

2018) 

Particle image velocimetry and finite 

volume method study of bi-leaflet 

artificial heart valve 

2-way FSI coupling  

CFD and FEA 
MHV 

Yes - Particle 

image 

velocimetry 

(PIV) 

WSS, pressure, stress 

analysis, Doppler velocity  

index 

(Borowski et al., 

2018) 

Fluid-structure interaction of heart 

valve dynamics in comparison to finite-

element analysis 
ALE, FEA and CFD BHV No  

Leaflet opening area, 

displacement 

(Chen and Luo, 

2018) 

A computational study of the three-

dimensional fluid structure interaction 

of aortic valve 
IB BHV No  

GOA, Flow Rate, Pressure 

Distribution 

(Gharaie et al., 2018) In vitro validation of a numerical 

simulation of leaflet kinematics in a 

polymeric aortic valve under 

physiological conditions 

ALE SAVR 
Yes - Custom 

flow rig 
GOA, Vortices 

(Ghosh et al., 2018) Comparative fluid-structure interaction 

analysis of polymeric transcatheter and 

surgical aortic valves’ hemodynamics 

and structural mechanics 

ALE 
TAVR and 

SAVR 
Yes - Vivitro  GOA, EOA, WSS, Stress  

(Kandail et al., 2018) Impact of annular and supra-annular 

CoreValve deployment locations on 

aortic and coronary artery 

hemodynamics 

Finite-volume 

based boundary 

conforming sub-grid 

geometry resolution 

(SGGR) 

TAVR No  WSS, Velocity 
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Author & Year Study Description  
FSI Method 

Aortic 

Valve 

Experimental 

Validation 

Hydrodynamic 

Parameters evaluated  

(Sodhani et al., 

2018) 

Fluid-structure interaction simulation of 

artificial textile reinforced aortic heart 

valve: Validation with an in-vitro test 
IB – SGGR SAVR 

Yes – Custom 

flow rig 
GOA, Flow Rate, WSS 

(Tango et al., 2018) Validation and extension of a fluid–

structure interaction model of the 

healthy aortic valve 
ALE 

Native 

Aortic 

Valve 

Yes - PIV Velocities, EOA 

(Amindari et al., 

2017) 

Assessment of calcified aortic valve 

leaflet deformations and blood flow 

dynamics using fluid-structure 

interaction modelling 

FSI, CFD and FEA 
2D Native 

Valve 

Echocardiogra

phy velocity 

measurements 

for BC’s  

Opening Ratio, 

Transvalvular ΔP, WSS 

(Hedayat et al., 

2017) 

Platelet activation of mechanical versus 

bioprosthetic heart valves during systole IB 

MHV and 

bioprostheti

c 

No  Platelet Activation 

(Laadhari and 

Székely, 2017) 

Eulerian finite element method for the 

numerical modelling of fluid dynamics 

of natural and pathological aortic valves 

Resistive Immersed 

Surface Model 
TAVR No  Pressure, Flow rates, WSS 

(Luraghi et al., 2017) Evaluation of an aortic valve prosthesis: 

Fluid-structure interaction or structural 

simulation? 

Immersed finite 

element 
AVR 

Yes – In 

house pulse 

duplicator 

Geometric Orifice Area, 

Velocity 

(Vahidkhah and 

Azadani, 2017) 

Assessing if supra-annular valve-in-

valve implantation reduces blood stasis 

on the transcatheter aortic valve leaflets 

1-way coupled FE and 

CFD  
TAVR No  WSS 

(Bavo et al., 2016) Fluid-structure interaction simulation of 

prosthetic aortic valves: comparison 

between immersed boundary and 

arbitrary lagrangian-eulerian techniques 

for the mesh representation 

IB and ALE AVR No  

Rapid Valve Opening 

Time (RVOT), Pressure, 

Velocity 
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Author & Year Study Description  
FSI Method 

Aortic 

Valve 

Experimental 

Validation 

Hydrodynamic 

Parameters evaluated  

(Flamini et al., 2016) Immersed boundary-finite element 

model of fluid structure interaction in 

the aortic root 
IB Native No  Flow rate, velocities, stress 

(Mao et al., 2016) Fluid structure interaction study of 

transcatheter aortic valve dynamics 

using smoothed particle hydrodynamics 
SPH TAVR No  

Mean systolic ΔP, peak 

ΔP, EOA, GOA, RF, Flow 

Rate 

(Piatti et al., 2016) Polymeric valve using a fluid-structure 

interaction approach Lagrangian-Eulerian SAVR Yes - Vivitro  

EOA, ΔP, RVOT, Rapid 

Valve Closing Time 

(RVCT), Flow Rate 

(Wu et al., 2016) Fluid structure interaction model of a 

percutaneous aortic valve: comparison 

with an in vitro test and feasibility study 

in a patient-specific case 

ALE  AVR 

Yes – 

Accelerated 

durability 

tester  

LOA, RVOT, RVCT, 

Pressure velocity contours 

(Hsu et al., 2015) Dynamic and fluid structure interaction 

simulations of bioprosthetic heart 

valves using parametric design with T-

splines and Fung-type material models 

ALE BHV No  

Flow Rate, GOA, 

Regurgitant Volume, 

Effective Regurgitant 

Orifice Area 

(Kalyana Sundaram 

et al., 2015) 

Aortic valve dynamics using a fluid 

structure interaction model – The 

physiology of opening and closing 
N/A Native No  

EOA, pressure gradients, 

RF 

(Gharaie and Morsi, 

2015) 

FSI simulation of a novel design of a 

polymeric aortic valve  ALE 2-way coupled AVR No  
EOA, ΔP, closing volume, 

GOA 

(Borazjani, 2013) Fluid-structure interaction, immersed 

boundary-finite element method 

simulations of bio-prosthetic heart 

valves 

IB AVR No  Vorticity, Shear, Stress, 
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Author & Year Study Description  
FSI Method 

Aortic 

Valve 

Experimental 

Validation 

Hydrodynamic 

Parameters evaluated  

(Griffith, 2012) Immersed boundary model of aortic 

heart valve dynamics with physiological 

driving and loading conditions 
IB AVR No  Transvalvular ΔP 

(Sirois et al., 2011) Fluid simulation of a transcatheter 

aortic valve deployment into a patient-

specific aortic root 

Uncoupled FE and 

CFD 
TAVR 

With Clinical 

Data, patient 

specific 

geometry 

EOA, ΔP  

(Shadden et al., 

2010) 

Computational analysis of an aortic 

valve jet with Lagrangian coherent 

structures 

Fictitious Domain 

(FD) 
Native No  EOA, GOA 

(Griffith, 2009) Prosthetic heart valves using the 

immersed boundary method IB AVR No  Velocity, pressures 

(Nobili et al., 2008) Numerical simulation of the dynamics 

of a bileaflet prosthetic heart valve 

using a fluid-structure interaction 

approach 

ALE MHV 

Yes – 

pulsatile open 

loop mock 

circulatory 

system (MCS) 

Transvalvular ΔP, 

Velocity 

(Morsi et al., 2007) Transient fluid-structure coupling for 

simulation of a trileaflet heart valve 

using weak coupling 
ALE AVR No  Velocity, WSS 

(Carmody et al., 

2006) 

An approach to the simulation of fluid-

structure interaction in the aortic valve ALE Native No  Pressures, Velocities 

(De Hart et al., 2003) A three-dimensional computational 

analysis of fluid-structure interaction in 

the aortic valve 
FD Native No  Velocities, stresses 
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CHAPTER 3  

Theoretical Background 

This chapter gives the theoretical background for the finite element modelling that is used 

throughout this thesis. The following equations provide the basis for developing models that 

simulate structural and fluid dynamics problems. Section 3.1 introduces the core concepts of 

continuum mechanics; Section 3.2 examines the modelling of materials using constitutive laws 

and Section 3.3 examines the finite element method. In Section 3.4, the Navier Stokes 

equations for fluid dynamics and the immersed boundary method for fluid-structure 

interactions are examined. 

3.1 Continuum Mechanics 

Continuum mechanics is the analysis of the deformation and motion of mechanical bodies 

independent of a coordinate system, which provides the basis for the finite element method.  

3.1.1 Notation 

The notation used in this chapter is as follows. Bold face roman symbol is used for vector or 

tensor notation. The roman italic symbol is used for indicial notation. The dot product/ scalar 

product summation convention is as follows: 
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𝒖 ∙ 𝒗 =  𝑢𝑖𝑣𝑖 = ∑ 𝑢𝑖𝑣𝑖

3

𝑖=1

=  𝑢1𝑣1 + 𝑢2𝑣2 + 𝑢3𝑣3 (3.1) 

Where i = 1,2,3, and u and v are 3D vectors. 

3.1.2 Deformation and Motion 

A schematic of a body undergoing deformation is shown in Figure 3.1. The body, in the 

undeformed reference configuration Ωref undergoes a motion 𝝌 at time t=0 to the deformed 

current configuration Ωc at time t=t. The position of a material point P is given by the vector 

𝑋, with respect to the origin O. This position vector 𝑿 can be described for all points within 

the reference configuration, known as the Lagrangian coordinates.  

 

Figure 3.1 Schematic of undeformed reference body and deformed current body 

configurations  

 

The position of material point P in the current configuration may be defined by: 

𝒙 = 𝝌(𝑿, 𝑡) (3.2) 
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Where the position vector 𝑥 defines the spatial Eulerian coordinates. The displacement of the 

material point P between the reference and current configurations can therefore be given as 

𝒖 = 𝒙 − 𝑿 which can be rearranged to:  

𝒖 = 𝝌(𝑿, 𝑡) − 𝑿 (3.3) 

A second material point Q exists on the body in the reference configuration and is related to 

the material point P by ∂𝐗. This is transformed to ∂𝐱 in the current configuration by the 

deformation gradient F described as: 

𝐅 =
∂χ

∂𝐗
=

∂𝐱

∂𝐗
 

(3.4) 

The determinant of F is known as the Jacobian of the deformation gradient. It denotes the ratio 

of volume change from the reference configuration to the current configuration. The Jacobian 

is described as:  

J = det (𝐅) (3.5) 

The velocity 𝒗 of a material point P may be defined as:  

𝒗 =
∂𝒙

∂𝑡
 

(3.6) 

The spatial velocity gradient 𝐋 is defined as:  

𝐋 =
∂𝐯

∂𝐱
 

(3.7) 

Which can also be expressed by: 

𝑳 = �̇�𝑭−1 𝑜𝑟 �̇� = 𝑳𝑭 (3.8) 

This spatial velocity gradient 𝑳 is decomposed into the symmetric rate of deformation tensor 

𝑫 and an asymmetric spin tensor 𝑾. 

𝐋 = 𝑫 + 𝑾 (3.9) 
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𝐃 =
1

2
(𝐋 + 𝐋T) = 𝑠𝑦𝑚(𝑳) 

(3.10) 

𝐖 =
1

2
(𝐋 − 𝐋T) = 𝑎𝑠𝑦𝑚(𝑳) 

(3.11) 

3.1.3 Strain Measures 

Various strain measures can be constructed from the deformation gradient F. A commonly used 

strain measure, the Green-Lagrange strain 𝑬 is defined by: 

𝑬 =
1

2
(𝑭𝑇𝑭 − 𝑰) 

(3.12) 

Where 𝑭𝑇is the transpose of 𝑭 and 𝑰 is the identity tensor, such that 𝑭 · 𝑰 = 𝑭. The Green-

Lagrange strain can also be given in the index notation, where: 

𝐸𝑖𝑗 =
1

2
(

∂u𝑖

∂x𝑗
+

∂u𝑗

∂x𝑖
+

∂u𝑘

∂x𝑖

∂u𝑘

∂x𝑗
) 

(3.13) 

By assuming that the product of the infinitesimals is zero (
∂u𝑘

∂x𝑗

∂u𝑘

∂x𝑖
≈ 0), the infinitesimal strain 

𝜖𝑖𝑗 is given by: 

𝜖𝑖𝑗 =
1

2
(

∂u𝑖

∂X𝑗
+

∂u𝑗

∂X𝑖
) 

(3.14) 

The left (𝑩) and right (𝑪) Cauchy Green tensors are measures of stretch that compose the 

deformation gradient F.  

𝑪 =  𝑭𝑇𝑭 (3.15) 

𝑩 =  𝑭𝑭𝑇 (3.16) 

The deformation gradient F can be decomposed into an orthogonal rotation tensor R and 

symmetric right and left stretch tensors U and V respectively.  

𝑭 = 𝑹𝑼 = 𝑽𝑹 (3.17) 
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These stretch tensors 𝑼 and 𝑽 can be related to the right (𝑪) and left (𝑩)  Cauchy Green 

Deformation tensors by: 

𝑽2 = 𝑩 (3.18) 

𝑼2 = 𝑪 (3.19) 

The eigenvalues of 𝑼 are known as the principal stretches (𝜆𝑖=1,2,3), while the logarithmic 

strain tensor ε can be calculated from:  

𝛆 = 𝑙𝑛𝑽 (3.20) 

Strain energy density functions can be defined using strain invariants. The first three principal 

invariants of the right Cuachy-Green tensor (𝑪) are derived by:  

𝐼1 = 𝑡𝑟(𝑪) =  𝜆1
2 +  𝜆2

2 + 𝜆3
2 (3.21) 

𝐼2 =
1

2
[𝐼1

2 − 𝑡𝑟(𝑪2)] =  𝜆1
2𝜆2

2 +  𝜆1
2𝜆3

2 + 𝜆2
2𝜆3

2 (3.22) 

𝐼3 = 𝑑𝑒𝑡(𝑪) =  𝐽2 = 𝜆1
2 𝜆2

2𝜆3
2 (3.23) 

3.1.4 Stress Measures 

Cauchy stress or true stress, 𝝈, is a measure of the force per unit area in the deformed 

configuration. It is related to the traction vector 𝒕, which is the force per unit area and a unit 

normal vector 𝒏, as shown in Figure 3.2. 

𝒕 = 𝝈 𝒏 (3.24) 
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Figure 3.2 Schematic of traction t in current body configurations  

 

The Cauchy Stress is composed of two symmetric parts, the deviatoric stress 𝑺 which controls 

the shape change, and the hydrostatic pressure 𝑝, which controls the volume change.  

𝑝 =
−𝑡𝑟(𝝈)

3
 

(3.25) 

𝝈 = 𝑺 − 𝑝𝑰 (3.26) 

The principal stresses are the eigenvalues of the Cauchy stress tensor. The Kirchhoff stress 𝝉  

is given by: 

𝝉 = 𝐽𝝈 (3.27) 

In the case of incompressible materials, the Kirchhoff stress is equal to the Cauchy stress. The 

first Piola-Kirchhoff stress 𝑷 is given by: 

𝑷 = 𝐽𝝈𝑭−𝑇 (3.28) 

It represents the force per unit area in the undeformed reference configuration. The nominal 

stress is related to the transpose of the Piola-Kirchhoff stress by: 
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�̃� = 𝐽𝑭−1𝝈 =  𝑷𝑇 (3.29) 

Finally, the von Mises equivalent stress is given by:  

𝝈𝒆 =  √
3

2
 𝑆𝑖𝑗𝑆𝑖𝑗  (3.30) 

3.2 Material Constitutive Behaviours  

This thesis covers the finite element modelling of polymer valves of various designs, 

examining their performance in different hydrodynamic scenarios and various states of disease. 

The polyurethane employed in these experiments was for modelling purposes assumed to be 

incompressible, isotropic, homogenous, and exhibiting a non-linear stress strain response. Or 

in the case of more complex progressively stiffening models (where strain thresholds dictated 

the resulting Young’s Modulus) and fluid-structure interaction models, treated as linear elastic.  

3.2.1 Elasticity 

The material behaviour of the polymer valve in Chapter 5, 6, and 7 was assumed to be 

incompressible, isotropic, homogenous, and exhibiting a linear stress strain response. The 

elastic component for an isotropic material can be related to stress through the shear and bulk 

modulus. The bulk modulus 𝐾 is given by:  

𝐾 =
𝐸

3(1 − 2𝑣)
 (3.31) 

Where 𝐸 is the Young’s Modulus and 𝑣 is the poisson’s ratio. The shear modulus 𝐺 is given 

by: 

𝐺 =
𝐸

2(1 + 𝑣)
 (3.32) 
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3.2.2 Isotropic Hyperelasticity 

A material that exhibits a non-linear stress strain response and undergoes large 

deformations can be modelled using a hyperelastic model. These materials are too complex to 

model using a linear elastic relationship. In Chapter 4 of this thesis, the polymer valves are 

modelled using an Ogden hyperelastic material model. In a hyperelastic material model, the 

stress-strain relationship is derived from the strain energy density function Ψ. The first Piola-

Kirchhoff stress 𝑷 is shown here as a derivative of the strain energy density function with 

respect to the deformation gradient 𝑭  

𝑷 =
𝜕Ψ(𝑭)

𝜕𝑭
 (3.33) 

If it is transformed to the current configuration, we can derive the Cauchy stress 𝝈, shown 

here in terms of the right (𝑪) and left (𝑩) Cauchy-Green tensors: 

 

𝝈 = 𝐽−1𝑭 (
𝜕Ψ(𝑭)

𝜕𝑭
)

𝑻

=  2𝐽−1𝑭 (
𝜕Ψ(𝑪)

𝜕𝑪
) 𝑭𝑇 =  2𝐽−1𝑭 (

𝜕Ψ(𝑩)

𝜕𝑩
) 𝑭𝑇 (3.34) 

 

The strain energy density function for an isotropic material can be described as a function 

of the first three principal invariants, described in (3.21), (3.22) and (3.23). 

Ψ(𝐁) = Ψ(𝐼1, 𝐼2, 𝐼3) (3.35) 

Using the chain rule, the derivative of the strain energy density yields the following:  

 

𝜕Ψ(𝑩)

𝜕𝑩
=  

𝜕Ψ

𝜕I1

𝜕I1

𝜕𝑩
+  

𝜕Ψ

𝜕I2

𝜕I2

𝜕𝑩
+  

𝜕Ψ

𝜕I3

𝜕I3

𝜕𝑩
 (3.36) 

Therefore, the derivatives of the invariants in terms of the left Cauchy-Green tensor 𝑩 are: 
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𝜕I1

𝜕𝑩
= 𝐈 

𝜕I2

𝜕𝑩
= 𝐼1𝐈 − 𝑩 

𝜕𝐼3

𝜕𝑩
= 𝐼3𝑩−1 (3.37) 

If these derivatives are substituted back into Equation (3.36) we get the Cauchy stress as a 

function of 𝑩: 

𝝈 = 2𝐽−1  [I3

𝜕Ψ

𝜕I3
𝑰 +  (

𝜕Ψ

𝜕I1
+ I1

𝜕Ψ

𝜕I2
) 𝑩 −  

𝜕Ψ

𝜕I2
 𝑩𝟐] (3.38) 

When we assume a material to be incompressible, 𝐼3 = 𝐽 = 1 and the strain energy density 

function is reduced to a function of the first two strain invariants: 

𝛹(𝑩) = 𝛹(𝐼1, 𝐼2) (3.39) 

For an incompressible hyperelastic material, the Cauchy stress can then be given 

by: 𝝈 = −𝑝𝑰 + 2𝑊1𝐵 −  2𝑊2𝑩−1 
(3.40) 

 

Where 𝑝 is the hydrostatic pressure, 𝑊1 =  
𝜕Ψ

𝜕I1
 and 𝑊2 =  

𝜕Ψ

𝜕I2
 . 

 

3.3 Finite Element Method 

The Finite Element Method (FEM) involves the discretisation of a body into a number of 

subdivision or elements connected by nodes to computationally solve continuum mechanics 

problems. Boundary conditions are applied and the constitutive equations are calculated for 

each element to measure the stress, strain and deformation of a body. The problems presented 

in this thesis are solved using the commercial solver Abaqus (Dassault Systemes, RI, USA). 

The following is an overview of the implicit and explicit integration schemes used for the non-

linear problems presented in this thesis. More detail on these methods can be found in the 

Abaqus Theory Manual (Dassault Systemes, RI, USA). 
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3.3.1 Implicit Finite Element Method 

Abaqus/Standard uses an implicit integration scheme. In this finite element method, the state 

of the model is updated from time 𝑡 to time 𝑡 + ∆𝑡. Abaqus uses a form of the Newton-Rhapson 

method, which is used to get convergence at each element, given below:  

𝑥𝑖+1 = 𝑥𝑖 −
𝑓(𝑥𝑖)

𝑓′(𝑥𝑖)
 (3.41) 

The fundamental equation of the finite element method is given by the principal of virtual work 

(PVW). 

∫ 𝛿𝜺𝑇𝝈𝑑𝑉
𝑉

= ∫𝛿𝒖𝑇𝒕𝑑𝑆
𝑆

 (3.42) 

Where 𝝈 is stress and 𝒕 is traction, and 𝛿𝜺 and 𝛿𝒖 are the virtual strain and displacement 

vectors. 𝑑𝑉 is a reference volume with the surface 𝑑𝑆. The FE code is then implemented over 

each elements’ surface and volume, giving the following for displacement and strain:  

𝛿𝒖 = 𝑵𝒆𝛿𝒖𝒆 (3.43) 

𝛿𝜺 = 𝑩𝒆𝛿𝒖𝒆 (3.44) 

Where 𝑵𝒆 is the global shape function matrix and 𝛿𝒖𝒆 is the element nodal displacements. 

Substituting into the PVW, we get the following:  

∑ ∫ 𝛿𝒖𝑒
𝑇𝑩𝑒

𝑇𝝈(𝒖𝒆
𝑉𝑒𝑒

)𝑑𝑉 = ∑ ∫ 𝛿𝒖𝑒
𝑇𝑵𝑒

𝑇𝒕
𝑆𝑒𝑒

𝑑𝑆 (3.45) 

A global expression for the PVW can be obtained by changing out the element values for global 

values and removing the virtual displacement 𝛿𝒖𝑒
𝑇, given in the following:  
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∫ �̂�𝑇𝝈(𝒖)𝑑𝑉
𝑉

− ∫�̂�𝑇𝒕
𝑆

𝑑𝑆 = 0 (3.46) 

Where �̂�𝑇 is the global shape function gradient matrix, �̂�𝑇is the global shape function matrix, 

𝒖 is the global nodal displacement. The out of balance residual force 𝐺 can be calculated by 

finding the difference: 

𝐺(𝒖) =  ∫ �̂�𝑇𝝈(𝒖)𝑑𝑉
𝑉

− ∫�̂�𝑇𝒕
𝑆

𝑑𝑆 (3.47) 

To arrive at an equilibrium stress state in the body, this equation must be solved for 

convergence that 

𝐺(𝒖) =  0 (3.48) 

To achieve convergence, an iterative approach using the Newton-Rhapson method is employed 

and applied to the residual force vector,  

𝛿𝒖𝑖+1 = 𝒖𝑖+1
𝑡+∆𝑡 − 𝒖𝑖

𝑡+∆𝑡 = − [
𝜕𝑮(𝒖𝑖

𝑡+∆𝑡)

𝜕𝒖
]

−1

𝑮(𝒖𝑖
𝑡+∆𝑡) (3.49) 

We can write this in terms of the tangent stiffness matrix 𝑲: 

𝑲( 𝒖𝑖+1
𝑡+∆𝑡) =

𝜕𝑮(𝒖𝑖
𝑡+∆𝑡)

𝜕𝒖
 (3.50) 

𝑲( 𝒖𝑖+1
𝑡+∆𝑡)𝜕𝒖𝑖+1 = 𝑮(𝒖𝑖

𝑡+∆𝑡) (3.51) 

This will be solved until 𝑮(𝒖𝑖
𝑡+∆𝑡) is below the convergence tolerance. We can rewrite the 

tangent stiffness matrix  𝑲  in terms of the displacement: 

𝑲(𝒖) =
𝜕𝑮(𝒖)

𝜕𝒖
=  

𝜕

𝜕𝒖
(∫ �̂�𝑇𝝈(𝒖)𝑑𝑉 − 𝑭𝑒𝑥𝑡

𝑉

)  

𝜕

𝜕𝒖
(∫ �̂�𝑇𝝈(𝒖)𝑑𝑉

𝑉

) =  ∫ �̂�𝑇
𝜕𝝈(𝒖)

𝜕𝒖
𝑑𝑉

𝑉
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∫ �̂�𝑇
𝜕𝝈(𝒖)

𝜕𝜺

𝜕𝜺

𝜕𝒖
𝒅𝑽

𝑉

=  ∫ �̂�𝑇
𝜕𝝈(𝜺)

𝜕𝜺
�̂�𝒅𝑽

𝑉

  

𝑲(𝒖) =  ∫ �̂�𝑇𝑫𝒕𝒂𝒏�̂�𝒅𝑽
𝑉

 (3.52) 

Where 𝑫𝒕𝒂𝒏 is the Jacobian of the constitutive law: 

𝑫𝒕𝒂𝒏 =  
𝜕𝝈(𝜺)

𝜕𝜺
 (3.53) 

In the implicit solution, it is required to invert the stiffness matrix K, which increases the 

computational costs of the simulation.  

3.3.2 Explicit Finite Element Method 

An explicit solution is better suited to solving simulations involving large deformations and 

with complex contact interactions. In this thesis, Abaqus/Explicit is employed to create quasi-

static simulations of polymer prosthetic heart valves under systolic and diastolic pressure 

conditions. In explicit integration, an iterative approach is not employed as in implicit. This 

avoids convergence issues and allows for simulation of complex non-linear problems. 

Acceleration and velocity are assumed constant at time point 𝑡, and are used to solve for the 

next time point 𝑡 + 𝛥. Central difference integration is used: 

𝒖𝑖+1 = 𝒖𝑖 + ∆𝑡𝑖+1�̇�𝑖+
1
2 (3.54) 

�̇�𝑖+
1
2 = �̇�𝑖−

1
2 +

∆𝑡𝑖+1 + ∆𝑡𝑖

2
�̈�𝑖 

(3.55) 

Where 𝒖 is the displacement vector, �̇� the velocity vector and �̈� the acceleration vector, and 𝑖 

is the increment number. The accelerations are then calculated by the following:  

�̈�𝑖 = 𝑴−1(𝑭𝒊 − 𝑰𝒊) (3.56) 

Where 𝑴 is the lumped mass matrix, 𝑭 is the vector of external forces an 𝑰 is the vector of 

internal element forces given by: 
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𝑴 = ∫ 𝜌𝑵𝑑𝑉
𝑉

 (3.57) 

𝑰𝑖 = ∫ 𝑩𝑇𝝈𝒊𝑑𝑉
𝑉

 
(3.58) 

𝑭𝑖 = ∫𝑵𝑇𝒕𝑖𝑑𝑆
𝑆

+ ∫ 𝑵𝑇𝑷𝑖𝑑𝑉
𝑉

 
(3.59) 

We can rearrange the lumped mass matrix to get:  

𝑴�̈� = 𝑭 − 𝑰 (3.60) 

As the lumped mass matrix 𝑴 is diagonalised, it is easy to invert, in comparison to 𝑲 in the 

implicit solution scheme. This allows for much faster computation times. As the explicit 

solution scheme does not have the same convergence criteria as implicit, much smaller 

increment sizes must be used to ensure accurate results. The stability limit is given by:  

∆𝑡 ≤
2

𝜔𝑚𝑎𝑥
 (3.61) 

Where 𝜔𝑚𝑎𝑥 is the maximum element eigenvalue. The stability limit can also be written as:  

∆𝑡 = min (
𝐿𝑒

𝑐𝑑
) (3.62) 

Where 𝐿𝑒is the characteristic element length, and 𝑐𝑑 is the dilatational wave speed, which is 

related to the material density ρ. Mass scaling can be employed in an explicit integration 

scheme to artificially increase the stability limit and result in faster run times. Care should be 

taken when using such an approach and it is generally recommended that the ratio of kinetic 

energy to internal energy be no more than 5% to ensure accurate results (Choi et al., 2002). 
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3.4 Navier Stokes 

For solving fluid dynamics problems, the partial differential equations are solved in a Eulerian 

description. Conservation of mass and conservation of momentum are the two principal laws 

that govern the velocity of fluid. The conservation of mass is given by:  

∂𝜌𝑓

∂t
+ 𝛻 ∙ (𝜌𝑓�⃗�𝑓) = 0 (3.63) 

Where 𝜌𝑓 is the fluid density and 𝒗𝑓 is the fluid velocity. For incompressible fluids where 

density is constant, the equation can be simplified to: 

𝛻 ∙ �⃗�𝑓 = 0 (3.64) 

For standard flow problems, the Navier Stokes equation is given by:  

𝜌𝑓

∂�⃗�𝑓

∂t
+ 𝜌𝑓�⃗�𝑓 ∙ 𝛻 �⃗�𝑓 =∙ 𝜎𝑓 +  𝑓𝑓 (3.65) 

This can be simplified by neglecting gravity and assuming incompressible:  

𝜌𝑓

∂�⃗�𝑓

∂t
+ 𝜌𝑓𝛻 ∙ (�⃗�𝑓�⃗�𝑓) = 𝛻 ∙ 𝜎𝑓 (3.66) 

 

3.5 Immersed Boundary Method 

In Chapters 6 and 7 of this thesis, fluid-structure interaction simulations of flexible leaflets and 

prosthetic aortic valves are computed using the Coupled Eulerian Lagrangian (CEL) package 

available in Abaqus. In a Lagrangian description, the coordinates of nodes move along with 

the material and no material can pass between elements. In a Eulerian description the 

coordinates of the nodes are fixed and material flows through the mesh. The spatial coordinates 

of the material points change over time. The Abaqus/CEL method is an immersed boundary 

(IB) FSI simulation. It is a monolithic approach, where both the fluid and solid equations are 
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solved simultaneously. It uses the finite element method and employs an explicit time 

integration scheme. In contrast to flexible grid FSI techniques, such as Arbitrary Eulerian 

Lagrangian (ALE), where the mesh deforms with the structure, the IB technique utilises a fixed 

grid mesh, through which material flows, and a solid exists within the grid and in absence of 

fluid, as depicted in Figure 3.3.  This method was first developed by Peskin for heart valves, in 

order to solve for the large deformation of the flexible leaflets (Peskin, 2002). To include the 

solid in the fluid, a weighting function is used to interpolate the fluid forces at the fluid-solid 

interface. This results in a body force term in the NS equations at the nearby elements. To 

account for the fluid on the solid, the velocity term governs the interaction. As these forces and 

velocities are spread over many nodes at the points of contact, the resulting fluid-structure 

interface is not as accurate as can be achieved in an ALE simulation. Rather, this fixed grid 

method is most useful in the simulation of highly elastic, large deformations where a flexible 

mesh would be incredibly complex to solve.  

 

Figure 3.3 Representation of deformation of Lagrangian solid structure in the fixed Eulerian 

fluid domain  

 

The fluid grid is discretised with Eulerian elements, while the structure is Lagrangian. The 

presence of the Lagrangian structure in the fluid domain is accounted for by a Volume-of-fluid 

(VOF) function. This parameter assumes a value of 0 if an element in the grid is fully bounded 
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by the Lagrangian structure, or a value of 1 if there is no structure and it is completely filled 

with fluid. This is depicted in Figure 3.4, which also shows how partially filled elements are 

assigned values between 1 and 0. At the start of the simulation, the initial VOF is predefined.  

The general explicit contact condition is enforced at the fluid solid interface.  

 

Figure 3.4 Representation of volume of fluid (VOF) definition for a Lagrangian solid 

structure in the Eulerian fluid domain  
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CHAPTER 4  

In Silico Modelling of Aortic Valve 

Implants – Predicting in Vitro 

Performance using Finite Element 

Analysis 

This chapter has been adapted from a journal publication ‘Whiting et al., (2022), In silico 

modelling of aortic valve implants–predicting in vitro performance using finite element 

analysis. J. Med. Eng. Technol. 46, 220–230. https://doi.org/10.1080/03091902.2022.202650’. 

4.1 Introduction 

Aortic stenosis is a valvular heart disease, whereby calcification build-up on the native valve 

leaflets leads to decreased blood flow and increased left ventricular hypertrophy (Adams et al., 

2019). Severe aortic stenosis is treated with either surgical or transcatheter aortic valve 

replacement (TAVR), with over 300,000 valve replacements performed in the developed world 

each year (Manji et al., 2012). This number is expected to increase in the coming years with 

ageing demographics (Osnabrugge et al., 2013). Bioprosthetic heart valves (BHV) are now 

widely used and consist of either bovine or porcine pericardium tissue leaflets mounted on a 

stent frame, with the distinct advantage that they can be delivered minimally invasively. While 
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these devices have demonstrated good clinical outcomes (Daubert et al., 2017), there is 

significant room for further design improvements to enhance structural durability and long-

term hemodynamic performance. This is a problem particularly in younger patients where the 

onset of structural valve degeneration can occur 10 to 15 years post implantation, requiring 

reoperation (Bradley, 2013; Friedewald et al., 2007; Kostyunin et al., 2020; Nishimura et al., 

2014). Recently, there has been increasing interest in developing synthetic polymer leaflets as 

an alternative to bioprosthetic tissue leaflets in TAVR devices. While these polymeric valve 

devices are at an earlier stage of development, they have the potential to provide superior 

patient outcomes, as well as vastly improved efficiency in the manufacturability and 

reproducibility of TAVR devices (Claiborne et al., 2013a; Rotman et al., 2019). In developing 

the next generation of aortic valve replacements (AVRs), there are significant challenges that 

must be overcome to achieve suitable designs capable of withstanding the demanding 

functional requirements at the native aortic root. This applies to both bioprosthetic and 

synthetic leaflet-based aortic valve replacements (both surgical and TAVR), which must 

undergo stringent functional mechanical testing during the certification process.  

The key mechanical requirements for an implanted aortic valve relate to both structural and 

hemodynamic performance. During an individual cardiac cycle, aortic valve implants should 

(i) provide minimal resistance to forward blood flow to maximise orifice area in the open 

configuration, (ii) have a low pressure differential to revert to the closed configuration, and (iii) 

facilitate rapid closure to reduce volume regurgitation or forward flow energy loss. Throughout 

their entire lifespan, aortic valve implants should be highly durable to withstand pressures and 

stresses experienced over the approximately 40 million cardiac cycles per year. The 

development of these devices takes place through both in silico modelling and in vitro bench 

testing, with the latter the more widely used, readily available, and standardised approach. In 

vitro bench testing is underpinned by ISO 5840:2021 (International Organisation for 
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Standardisation, 2021a, 2021b, 2021c), which is the international standard that provides 

guidelines, specifications and minimum design criteria that cardiac valve prostheses must fulfil 

to be deemed safe and effective for patients by the U.S. Food and Drug Administration (FDA) 

and relevant EU notified bodies. For hydrodynamic assessments, pulsatile flow bench test 

systems that simulate physiological conditions are used to assess valve hemodynamic 

performance. ISO 5840 defines acceptable values for key performance parameters of effective 

orifice area (EOA) and regurgitant fraction (RF) for surgical and transcatheter valve 

replacements operating at normotensive conditions at a range of orifice sizes (International 

Organisation for Standardisation, 2021b, 2021c). Many comprehensive studies comparing 

these parameters across valve designs have been carried out on commercial flow rigs (Rahmani 

et al., 2017, 2012; Rotman et al., 2019), which are also capable of investigating additional 

parameters such as the left ventricular energy loss, leakage volumes and transvalvular pressure 

drop (ΔP). These are further indicators of valve performance and useful in the design process. 

While durability and hydrodynamic testing according to ISO 5840 provides a comprehensive 

assessment of structural and hemodynamic performance of valves, the development pathway 

typically involves a trial-and-error process of design, prototyping and testing. Each design 

iteration requires an extensive suite of bench tests (International Organisation for 

Standardisation, 2021a, 2021b, 2021c) and relying solely on this method contributes to high 

development costs and increased time to market for aortic valve devices.  

Computational modelling approaches have the potential to accelerate design timelines of 

aortic valves and optimise functional performance. However, predicting the structural and 

hemodynamic behaviour of aortic valve implants in silico represents a challenging multi-

physics problem. For this, advanced fluid-structure interaction (FSI) simulations have been 

developed and used to analyse the flow profiles of valves (Kandail et al., 2018), as well as 

approximating EOA, RF and transvalvular ΔP (Gharaie and Morsi, 2015; Mao et al., 2016). 
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However, there are substantial drawbacks to FSI approaches, including complexity, robustness, 

large computational cost and development time, which has meant that uncoupled approaches 

are more widespread in the literature (Claiborne et al., 2013b). Computational fluid dynamics 

approaches have been used to explore valve hemodynamics (Bluestein et al., 2000; Dwyer et 

al., 2009; Ge et al., 2005), and typically focus on providing predictions of flow regimes and 

parameters such as wall shear stress or velocities by assuming the valve as a rigid boundary 

(Bluestein et al., 2000; Dwyer et al., 2009; Ge et al., 2005). Despite providing highly detailed 

predictions of local flow profiles, computational fluid dynamics offers surprisingly little insight 

into the overall hemodynamic performance of the valve in the context of the key parameters 

identified in ISO 5840 and in vitro bench testing. In particular, EOA, RF and transvalvular ΔP 

are bulk, or system-level, hemodynamic parameters and cannot be assessed based on the rigid 

boundary assumptions. On the other hand, finite element analysis (FEA) has been widely used 

for structural analysis of the aortic valve, predicting leaflet deformation in open and closed 

configurations (Arcidiacono et al., 2005; Burriesci et al., 2010; Claiborne et al., 2013a; Haj-Ali 

et al., 2008; Kim et al., 2008; Li and Sun, 2017, 2010; Serrani et al., 2016; Smuts et al., 2011). 

To date, the vast majority of FEA studies focus on a traditional stress analysis, with a view to 

optimising leaflet or frame design to enhance fatigue behaviour and overall durability 

(Claiborne et al., 2013a; Serrani et al., 2016; Smuts et al., 2011). While these approaches 

provide insight into structural integrity of the valve, very few studies have sought to exploit the 

potential of FEA in predicting hydrodynamic parameters that are key valve design 

characteristics. Importantly, the bulk hemodynamic parameters measured according to ISO 

5840 through in vitro bench testing (e.g. EOA, RF and transvalvular ΔP) are largely related to 

compliance of the valve, which provides an opportunity for FEA to provide critical insight into 

hemodynamic performance characteristics of valve design.  
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The objective of this study is to investigate the potential of FEA to predict the 

hydrodynamic performance of aortic valve implants during the development phase. Several 

variations of tri-leaflet aortic valves were designed and manufactured using a synthetic polymer 

and hydrodynamic testing was carried out using a pulsatile flow rig according to ISO 5840, 

with bulk hydrodynamic parameters measured. An in silico framework was developed, which 

uses a mathematical model to apply pressure-based boundary conditions to three-dimensional 

finite element models of the aortic valves in systolic and diastolic configurations, with predicted 

outputs compared to the results from in vitro testing. Through regression analysis, the in silico 

parameters of leaflet coaptation area (LCA), geometric orifice area (GOA) and opening 

pressure were investigated as surrogate predictors for in vitro hydrodynamic parameters, RF, 

EOA and transvalvular ΔP performance, respectively. While the developed methods are 

demonstrated on surgical aortic valves, they could be applicable across both surgical and TAVR 

tri-leaflet valve designs. 

4.2 Materials and Methods 

4.2.1 Valve Design and Manufacture 

Three unique aortic valves (A, B & C) were designed and manufactured from a synthetic 

polymer, as shown in Figure 4.1. Each valve featured a tri-leaflet design, with an internal orifice 

diameter of 23 mm (± 0.2 mm) and an embedded steel wire frame to provide radial 

reinforcement, with a skirt/suture ring around the basal circumference to enable mounting 

during in vitro testing. The characteristic dimensions of each valve design are listed in Table 

4.1 and identified in Figure 4.1, where D represents the internal diameter (mm), t the leaflet 

thickness (mm), h the maximum leaflet height (mm), α the lunula angle (°) and θ the insertion 

angle (°) of the leaflet. Valve A is a generic valve design representative of commercial 

pericardial surgical prostheses, while Valve B was modified by increasing the strut height and 
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lunula angle, thereby decreasing the leaflet height at the centre of the valve. Valve C featured 

a unique orifice profile that increased the free-edge perimeter length.  

A polyurethane elastomer variant developed at the University of Galway was used to 

manufacture the valves through a compression moulding procedure. Stainless steel 

compression moulds were fabricated based on CAD designs of each valve as shown in Figure 

4.2. 

 

Figure 4.1 Unique valve designs A, B and C, where Valve A shows the finite element mesh. 

Design features of valves B and C are highlighted, while the characteristic valve dimensions 

are identified in the far-right schematic, where D represents the internal diameter (mm), t the 

leaflet thickness (mm), h the maximum leaflet height (mm), α the lunula angle (°) and θ the 

insertion angle (°) of the leaflet.  

The reacted polymer mixture was transferred to compression moulds, compressed by a clamp 

and cured in an oven at 50°C for 4.5 hours. Once cured, the moulds were removed from the 

oven and allowed to cool to ambient temperature before removing the valves from the moulds.  
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Figure 4.2 Compression mould for Valve C 

 

 

Table 4.1 Characteristic Valve Dimensions 

Valve A B C 

D – Internal Diameter (mm) 22.8 22.84 23 

t – Leaflet Thickness (mm) 0.344 0.35 0.298 

h – Leaflet Height (mm) 11.5 10 14.5 

α – Lunula Angle (°) 0 22.57 0 

θ – Insertion Angle (°) 0 0 58.1 

 

4.2.2 In Vitro Testing 

To evaluate the hydrodynamic performance of each valve, in vitro bench testing was performed 

using a Vivitro Pulse Duplicator (Figure 4.3a) (Vivitro Labs, Inc. Victoria, B.C.) according to 

ISO 5840. Valves were sealed in a mounting ring and placed in the aortic position between the 

ventricular sac and aorta of the flow rig. This flow rig reproduced cardiac pulsatile flow by 

compressing the ventricular sac and ejecting fluid through the aortic valve according to 

assigned stroke volume, systolic waveform and heart rate.  Pressure transducers recorded the 

aortic, ventricular, and atrial pressures while a flow probe positioned directly below the valve 

took flow measurements during each cycle, as shown in Figure 4.3b. Valves were submerged 

in water for 2 hours prior to testing in 0.9% NaCl solution at room temperature (20ᵒC). To 

investigate the hydrodynamic performance across a range of conditions, each valve was tested 

at increasing cardiac outputs of 2, 3, 4, 5, 6 and 7 L/min, while maintaining a constant mean 

aortic pressure of 100 mmHg, heart rate of 70 bpm and a systolic waveform occupying 35% of 

the cardiac cycle. The Vivitro rig was adapted to enable high-speed image capture using a Sony 

RX100 Mark IV camera (Figure 4.3a) at a frame rate of 1000fps to visualise open and closing 
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configurations of valves during testing. Vivitest software (Vivitro Labs, Inc. Victoria, B.C.) 

recorded pressure and flow measurements over 10 consecutive cycles, which were used to 

calculate several hydrodynamic parameters, namely the EOA, RF and transvalvular ΔP. The 

EOA is defined as the minimal cross-sectional area of the jet formed downstream of the aortic 

valve (Akins et al., 2008; Garcia and Kadem, 2006). It is often used during cardiac 

catheterisation to assess the severity of aortic stenosis in patients (Baumgartner et al., 2017; 

Nishimura et al., 2014). It is calculated using the Gorlin Formula (Gorlin and Gorlin, 1951) 

given by 

𝐸𝑂𝐴 =  
𝑄𝑅𝑀𝑆

51.6√
∆𝑃
𝜌

    (4.1)
 

where 𝑄𝑅𝑀𝑆 is the root mean squared forward flow (ml/sec), ∆𝑃 is the mean transvalvular 

pressure drop (mmHg) and 𝜌 is the density of the test fluid (g/cm3). The RF is a measure of 

aortic valve leakage and is calculated by the regurgitant volume (𝑅𝐺) as a fraction of the stroke 

volume (𝑆𝑉), as in Eq. (4.2) 

  𝑅𝐹 =
𝑅𝐺

𝑆𝑉
    (4.2) 

where 𝑅𝐺 is the sum of the closing volume and leakage volume (Figure 4.3b). The 

transvalvular ΔP, shown in Figure 4.3b, refers to the pressure gradient across the valve during 

systole where the ventricles contract ejecting blood into the aorta and pulmonary artery. It is 

calculated as the mean pressure difference between the start and end of the systole positive 

pressure drop. It is used to assess aortic stenosis, with pressure drops of greater than 40 mmHg 

being considered severe (Baumgartner et al., 2009). In the design of replacement valves, low 

pressure drops indicate ease of opening, which translates to a more efficient valve.    
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Figure 4.3 (a) Schematic of Vivitro Pulse Duplicator with pressure transducers and a flow 

probe which was used to carry out in vitro hydrodynamic testing, (b) a typical diagram of 

average flow measurements, aortic and ventricular pressures measured over 10 cardiac 

cycles and (c) a schematic showing the effective orifice area (EOA) as a measure of the 

downstream jet from the aortic orifice, where geometric orifice area (GOA) is measured as 

the opening area of the leaflets. 

 

4.2.3 In Silico Modelling Framework 

A three-dimensional finite element model of each tri-leaflet valve under systolic and diastolic 

pressure conditions was developed using the Abaqus/Explicit finite element code (Abaqus 

2017, Simulia, RI, USA). Valve A, B and C models were meshed with approximately 29,000, 

34,000 and 47,000 10-node modified quadratic tetrahedrons (C3D10R) respectively, as shown 

for Valve A in Figure 4.1. The wire frames were meshed using approximately 600 8-node linear 

brick, reduced integration, hourglass control elements (C3D8R), and assigned an embedded 

region constraint. This specifies the wire elements as embedded within the valve and constrains 

the translational degrees of freedom of each embedded node to interpolated values of the 

corresponding degrees of freedom of the host element in the valve domain. The material 

behaviour of the synthetic polymer was determined based on displacement-controlled uniaxial 

tensile tests, carried out on a Zwick Roell Uniaxial Testing machine, at a 5 mm/min 

displacement rate on a 100 N Load cell on test specimens manufactured from compression 

moulds. The D882–18 standard test method for tensile properties of thin plastic sheeting 
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(American Society for Testing and Materials, 2018) was modified for use with reduced length 

testing specimens (Length = 50 mm), which were submerged in water at room temperature 

(20ᵒC) for at least 2 hours prior to testing. A second order non-linear isotropic Ogden (N=2) 

material model given by  

U = ∑
2μi

αi
2

N

i=1

 (λ̅1
αi + λ̅2

αi + λ̅3
αi − 3) + ∑

1

Di
(Jel − 1)

2i
 

N

i=1

(4.3) 

where U is the strain energy potential,  λ̅j, (j = 1,2,3) are the deviatoric principal stretches, Jel 

is the elastic volume ratio and μi, αi and Di are the material parameters shown in Table 4.2, 

was calibrated to the experimental data shown in Figure 4.4.  

 

Figure 4.4 An Ogden (N=2) constitutive model was fitted to the experimental uniaxial tensile 

test results of the polymer 

 

Table 4.2  Parameters for Ogden (N=2) constitutive model 

µ1 α1 µ2 α2 D1 D2 

-0.764 MPa 3.305 2.509 MPa -5.764 0.05 MPa 0.05 MPa 
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The polymer was assigned a density of 1000 kg/m3. The wire frame was modelled as linear 

elastic and assigned the material properties of steel, with a Young’s modulus of 200 GPa, a 

Poisson ratio of 0.3 and a density of 8050 kg/m3. A mathematical model was used to determine 

pressure-based boundary conditions for the valve leaflets to appropriately represent diastolic 

and systolic conditions during the cardiac cycle. A two-element Windkessel model and the 

simplified Bernoulli equation were used to determine pressure waveforms based on the 

prescribed inputs of cardiac output (L/min), heart rate (bpm) and mean aortic pressure (mmHg). 

These model inputs are the same parameters that were prescribed during in vitro experimental 

testing. For the diastolic pressure conditions, a two-element Windkessel model was used to 

generate a maximum aortic pressure for each cardiac output, given by 

 𝐼(𝑡) =
𝑃(𝑡)

𝑅
+ 𝐶

𝑑𝑃(𝑡)

𝑑𝑡
 (4.4) 

where 𝐼 is the flow, 𝑃 is the pressure, 𝑅 is the resistance of the smaller arteries and 𝐶 is the 

compliance of the aorta. For the systolic pressure condition, the Bernoulli equation was used 

to generate the estimated transvalvular ∆P for each cardiac output, given by 

∆𝑃 =
𝜌

2
(𝑣2

2 − 𝑣1
2) + 𝜌𝑔ℎ (4.5) 

where ρ is the density of the test fluid, 𝑣 is the velocity, 𝑔 is the acceleration due to gravity and 

ℎ is the height difference. These pressure conditions, shown in Table 4.3, were applied using a 

smooth step amplitude to fully close and then fully open the valve. 

Table 4.3 FE pressure boundary conditions generated from Windkessel and Bernoulli models 

 

Cardiac Output (L/min) 2 3 4 5 6 7 

Bernoulli Systolic (mmHg) 12.24 13.65 16.62 18.15 21.25 24.91 

Windkessel Diastolic (mmHg) 111.01 115.56 120.19 124.83 129.43 133.98 
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4.2.4 Surrogate hydrodynamic measures  

Hydrodynamic parameters of EOA, RF and transvalvular ΔP were measured during in vitro 

testing to provide a measure of valve performance. In this study, several measures from the 

finite element simulations were investigated as surrogate measures for these experimental 

parameters.  

Firstly, GOA, which is the anatomical area of the valve orifice, was investigated as a surrogate 

measure for EOA.  From the models, the GOA was evaluated as the simulated opening area of 

the valve at systole, using the image processing toolbox in MATLAB (Mathworks, Natick, 

MA, USA). As shown in Figure 4.3c, EOA and GOA are separate measurements that both 

relate to the opening area of the valve. The EOA has been shown to be influenced by the 

anatomical opening area of the orifice, as well as the geometrical contraction profile of the 

orifice (Akins et al., 2008). Previous studies have already assumed that GOA was a suitable 

predictor of EOA (Akins et al., 2008), although there are limited examples of quantitative 

comparisons between these measures in the literature.  

Secondly, LCA upon valve closure was investigated as a surrogate measure for RF. As cardiac 

outputs are increased, the pressure gradient across the valve rises. This increases the amount of 

contact between the leaflets, which would reduce the amount of fluid regurgitation. Previous 

studies have suggested that LCA is a reflection of RF, as it facilitates a larger surface area for 

distribution of the diastolic load across the leaflets (Claiborne et al., 2013a). However, again, 

a direct quantitative comparison between computational predictions and experimental 

observations has not been made in previous studies. Therefore, this study measures LCA from 

the simulations and evaluates its potential as a surrogate measure for RF.  

Thirdly, the opening pressure required to achieve 40% of the maximum aortic valve orifice 

area (POA40%) was investigated as a surrogate measure for the transvalvular ΔP during systole. 
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Similar approaches have been used previously, by observing the difference in time taken to 

open two valves, as well as the required pressures to open them when designing for a reduced 

transvalvular ΔP (Burriesci et al., 2010).  

4.3 Results 

4.3.1 Evaluation of Valve Deformation 

In vitro and in silico deformations of each valve under investigation during systole and diastole 

at normotensive conditions of cardiac output 5 L/min are shown in Figure 4.5. In diastole, there 

was excellent qualitative agreement between in vitro and in silico results, with the FEA 

simulations predicting the twisting or pin-wheeling deformation in Valve A. Valve B 

demonstrated less compliance than Valve A, and this was captured in the FEA simulation. In 

the experimental test, the geometric orifice area at closing was larger than the FEA prediction. 

Valve C also exhibited pin-wheeling, which was captured in the FEA simulation. Also evident 

in both results is the gap between the leaflets during closure at the strut attachment points. In 

systole, there was reasonable qualitative agreement between in vitro and in silico opening 

configurations, although experimental results showed evidence of asymmetric opening in 

certain cases (likely caused by local flow instability), a feature that is not captured by FEA. 

The FEA contour plots highlight the von Mises stress distribution in each valve concentrated 

around the leaflet base attachment. The highest stress levels were observed in Valve C while 

Valve A had the lowest stress values.   
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Figure 4.5 The diastolic and systolic positions of the valves at normotensive conditions of 

5L/min were captured and viewed from the outflow (aortic) side of the valve. The 

experimental (EXP) in vitro hydrodynamic condition as viewed from the outflow tract, 

compared to the corresponding finite element analysis (FEA) valve simulation with stress 

contours showing the von Mises stress (MPa). 

 

4.3.2 In Vitro Testing 

Based on in vitro hydrodynamic testing of each valve, the mean values of EOA, RF and 

transvalvular ΔP are shown in Figure 4.6, with standard deviation represented by error bars 

(each valve tested over 10 cycles). The EOA was found to increase in each valve with 

increasing cardiac outputs, with the mean EOA over all the cardiac outputs for Valve A, B and 

C measured at 1.77 cm2, 1.66 cm2 and 2.53 cm2 respectively, while Valve C had the highest 

EOA at each cardiac output. All three 23 mm valves meet the minimum requirements for EOA 

set out by ISO 5840, which is greater than or equal to 1.25 cm2 at 5 L/min. RF decreased with 

increasing cardiac output in each valve, with the mean RF over the entire cardiac outputs for 
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Valve A, B and C measured at 8.08%, 5.19% and 21.12% respectively, while Valve C had the 

largest RF over the range of cardiac outputs. Valve A and B both met the ISO 5840 requirement 

of less than or equal to 10% RF at 5 L/min for a size 23 mm valve, while Valve C did not meet 

the requirement.  The transvalvular ΔP increased in each valve with increasing cardiac output, 

with the mean transvalvular ΔP over the entire cardiac outputs for Valve A, B and C measured 

at 11.84 mmHg, 12.45 mmHg and 7.09 mmHg, respectively. Valve C had the lowest 

transvalvular ΔP generally over the range of cardiac outputs. The in vitro hydrodynamic 

transvalvular pressure profiles for each valve from 2-7 L/min are shown in Figure 4.7. 

 

Figure 4.6 In vitro hydrodynamic parameters according to ISO 5840 of effective orifice area 

(EOA), regurgitant fraction (RF), and transvalvular pressure drop (ΔP), were measured with 

increasing cardiac output (CO) of 2-7 L/min and compared across the three valve 

geometries. Data is represented as the mean ± SD, n = 10 (each valve tested over 10 cycles), 

(a) EOA with increasing CO for Valves A, B and C. (b) RF with increasing CO for Valves A, 

B and C. (c) Transvalvular ΔP with increasing CO for Valves A, B and C.   
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Figure 4.7 In vitro hydrodynamic transvalvular pressure profiles, were measured with 

increasing cardiac output (CO) of 2-7 L/min and compared across the three valve 

geometries.  

 

4.3.3 Finite Element Analysis 

The predicted values of GOA, LCA and POA40% with increasing cardiac output from the in 

silico models are shown in Figure 4.8. The GOA in each valve was higher as the cardiac output 

increased. Valve C had the highest GOA consistently at each cardiac output, while Valve B 

was consistently lowest.  The LCA also rose with increasing cardiac output in each valve, with 

Valve A and B producing similar results. Valve C consistently had the lowest LCA for each 

cardiac output. The POA40% was lowest in Valve C at 1.95 mmHg, while Valve A and B had a 

POA40% of 7.46 mmHg and 10.4 mmHg, respectively. 
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Figure 4.8 In silico measured parameters of (a) geometric effective orifice area (GOA) and 

(b) leaflet coaptation area (LCA) were compared across the three valve geometries, A, B, and 

C for calculated pressures corresponding to increasing cardiac outputs (CO) of 2-7 L/min. 

(c) The pressure to achieve 40% of each valves' orifice area (POA40%) was measured for 

valves A, B and C. 

 

4.3.4 Surrogate Measures 

Regression analysis was used to determine correlations between the surrogate parameters 

evaluated in silico and the bulk hydrodynamic parameters determined through in vitro bench 

testing. Figure 4.9a shows the GOA (in silico) plotted against EOA (in vitro) for increasing 

cardiac output. A strong correlation between GOA and EOA was found with a r2 value of 0.84. 

Figure 4.9b shows the LCA (in silico) plotted against RF (in vitro). A good correlation between 

LCA and RF was observed with an r2 value of 0.68. Figure 4.9c shows the POA40% (in silico) 

plotted alongside the mean transvalvular ΔP over the entire cardiac outputs (in vitro). The 

lowest pressures were recorded in Valve C and are captured in both the POA40% and mean ΔP. 
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Figure 4.9 In silico surrogate measures were plotted against in vitro hydrodynamic 

parameters across the three valve geometries, A, B, and C. (a) Geometric effective orifice 

area (GOA) was plotted against the effective orifice area (EOA), while (b) leaflet coaptation 

area (LCA) was plotted against the regurgitant fraction (RF). (c) The pressure to achieve 

40% of the orifice area (POA40%) was plotted against the mean transvalvular pressure drop 

(ΔP) over the range of cardiac outputs. 

4.4  Discussion 

Through in vitro and in silico testing, this study outlines the potential for three-dimensional 

finite element modelling to be used as a predictor of the in vitro hydrodynamic performance of 

tri-leaflet aortic valve implants. Several variations of tri-leaflet polymeric aortic valves were 

designed and manufactured, and hydrodynamic testing carried out using a pulsatile flow rig 

according to ISO 5840. The in silico framework was developed to closely re-create these testing 

regimes and several of the predicted outputs were found to correlate with bulk hydrodynamic 

parameters measured experimentally across each valve type. These proposed surrogate 

measures consider in silico GOA as a surrogate measure for in vitro EOA, in silico LCA as a 

surrogate measure for in vitro RF and in silico POA40% as a surrogate measure for the in vitro 

transvalvular ΔP. Importantly, the in silico framework used Windkessel and Bernoulli models 

to generate pressure-based boundary conditions for all cardiac outputs considered, and thereby 

remained independent of the in vitro tests (e.g. was not calibrated to them). The results of this 

study demonstrate that this in silico testing framework can provide insight into both the 

structural and hemodynamic performance of aortic valve designs, which could potentially 
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streamline the development process and reduce the need for trial-and-error prototyping in the 

early design phase.  

The use of finite element modelling in the design and analysis of AVRs has been widespread 

(Arcidiacono et al., 2005; Burriesci et al., 2010; Claiborne et al., 2013a; Haj-Ali et al., 2008; 

Kim et al., 2008; Li and Sun, 2017, 2010; Serrani et al., 2016; Smuts et al., 2011). The vast 

majority of these studies have been limited to predictions of structural performance, generally 

focussing on stress optimisation of the valve leaflets to optimise their long-term durability 

(Claiborne et al., 2013a; Serrani et al., 2016; Smuts et al., 2011). Indeed, certain studies have 

suggested that predictions of GOA could be used to reflect EOA (Burriesci et al., 2010), and/or 

that LCA may be used to indicate RF (Claiborne et al., 2013a; Xiong et al., 2010). However, 

our study is the first to demonstrate the suitability of such surrogate measures by comparing in 

silico and in vitro performance through regression analysis across several different valve 

designs and over a range of cardiac outputs. At systole, there were expected increases in both 

GOA and EOA observed as cardiac output increased, with an r2 value of 0.84. This strong 

correlation supports the use of this FE measure as a surrogate for use with tri-leaflet valves. At 

diastole, the proposed surrogate measure for RF was the LCA between the leaflets. Increasing 

the coaptation area between leaflets has previously been assumed to improve hydrodynamic 

performance (Claiborne et al., 2013a; Xiong et al., 2010), but has not been validated as a 

measurement. In our testing, we demonstrated a direct inverse relation between the RF and 

LCA, with increasing cardiac outputs for three separate valve designs, with an r2 value of 0.68. 

This good correlation shows that maximising LCA between leaflets in FEA modelling should 

produce lower RF fractions in a valve. It is not however the only factor to consider for RF. At 

valve closure, noticeable openings in the orifice for potential backflow were particularly 

prominent in Valve C due to the expanded free edge profile, while still present on a smaller 

scale in Valve A and B. This was thought to affect the overall RF of the valves. To identify a 
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measure of the transvalvular ΔP, we explored the systolic opening of the three valves and 

measured the predicted pressure at 40% of the maximum opening area (POA40%). Similar 

approaches for transvalvular ΔP were proposed by Burriesci et al. where two valve designs 

were compared using FEA and in vitro testing and a reduced transvalvular ΔP was found to 

coincide with reduced stress levels and lower opening pressures (Burriesci et al., 2010). Our 

reported values clearly show that the measured transvalvular ΔP values across all valves 

coincide with trends predicted for POA40% in all valves.  This demonstrates the potential of 

POA40% to be used as a surrogate measure when trying to minimise transvalvular ΔP during the 

valve design process. Taken together, these results demonstrate the ability of FEA models to 

provide surrogate predictions of the bulk hydrodynamic performance of valves. However, it is 

important to note that the correlations presented here may not translate to other valve 

types/designs, and therefore it may not be possible to determine actual values from the 

surrogate measures. Despite this, the study should encourage the use of FEA to provide an 

indicator of hydrodynamic performance before needing to develop more complex FSI models 

or prototyping valves for experimental testing, particularly when comparing early design 

variations.   

Both the experimental and in silico models provide detailed information on both structural and 

hydrodynamic performance for each of the three tri-leaflet valves considered. The in vitro 

hydrodynamic testing shows that all three 23 mm valves meet the minimum requirements for 

EOA set out by ISO 5840, which is greater than or equal to 1.25 cm2 at 5 L/min (International 

Standard, 2015). Valve C consistently showed the largest EOAs at each cardiac output and the 

lowest levels of transvalvular ΔP at higher cardiac outputs. This performance is likely attributed 

to the increased insertion angle (Table 4.1) and reduced curvature of the leaflet belly, which 

reduces the pressure required to open the leaflet. However, Valve C showed high levels of 

leakage, well above the ISO 5840 requirements of less than or equal to 10% RF at 5 L/min for 
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a size 23 mm valve, which was also reflected in the FEA with low levels of LCA. Valves A 

and B both met the ISO 5840 requirement for RF. Improvements to Valve C could be made by 

reducing the gap between the leaflets brought about by the unique orifice profile, in an effort 

to reduce the high levels of RF, but otherwise Valve C performed well. While not the purpose 

of this study, the FEA also provided predictions of structural performance (see Figure 4.5), 

highlighting the stress profile across the leaflets in each valve. Noticeably higher peak stresses 

around the leaflet basal attachment zones were evident in Valve C, which would suggest that 

this area should be reinforced for greater long-term performance. In addition, the pin-wheeling 

effect, a diastolic deformation of the leaflets, was observed in in vitro testing and replicated in 

the FEA. This effect can lower the long term performance of a valve by accelerating the fatigue 

damage of the leaflets (Rotman et al., 2018). Together with the in silico surrogate measures 

proposed in this study, this in silico framework may be used in combination to provide insight 

into both hydrodynamic and structural performance of valve designs. 

There were certain limitations in this study. Peak pressure conditions were applied for the 

systolic and diastolic configurations; however, a better representation would be to apply a 

physiological pressure profile. Previous studies that have implemented this in their models 

typically simplify the valve model down to isolated leaflets (Arcidiacono et al., 2005; Burriesci 

et al., 2010), whereas our models represented the entire 3D geometry and included the 

embedded wire stent. This resulted in convergence issues when using a physiological pressure 

profile. Another limitation was found in the experimental testing where asymmetrical opening 

of the leaflets was observed, whereas the FEA models opened symmetrically. This has been 

previously described as a disadvantage of FEA compared to FSI models (Luraghi et al., 2017), 

however since the results are based on the incremental changes of final valve configurations it 

is not necessary for the purposes of this study. It is also worth noting that while three unique 

valve designs were investigated, Valves A and B showed similar responses for EOA, 
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transvalvular ΔP and RF. Increasing the range of this study by comparing a larger cohort of 

valves would support the results, but was decided to be out of the scope of this study which 

was considered adequate as an evaluation of the surrogate measures.  

 

4.5 Conclusions 

An in silico framework has demonstrated that finite element models can predict several 

surrogate measures for bulk hydrodynamic performance of aortic valves. Here, in silico GOA 

can act as a surrogate measure for in vitro EOA, in silico LCA can act as a surrogate measure 

for in vitro RF, while in silico POA40% can act as a surrogate measure for the in vitro 

transvalvular ΔP. The results of this study demonstrate that this in silico testing framework can 

provide insight into both structural and hemodynamic performance of aortic valve designs, 

which could potentially streamline the development process of aortic valve implants. It is the 

first study to directly compare these in silico parameters with their in vitro counterparts through 

an extensive study and regression analysis, contributing to the scientific knowledge for design 

of aortic valves.  
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CHAPTER 5  

An In Vitro and In Silico Investigation 

on the Effects of Calcification on 

Hydrodynamic Performance of Aortic 

Valves 

5.1 Introduction 

Aortic stenosis is a valvular heart disease, whereby a narrowing of the native valve orifice leads 

to inadequate cardiac output and increased left ventricular hypertrophy (Adams et al., 2019). It 

occurs in 2.8% of adults older than 75 years of age (Eveborn et al., 2013; Stewart et al., 1997). 

Although aortic stenosis may develop following rheumatic heart disease or be a direct 

consequence of a congenital bicuspid aortic valve (Mordi and Tzemos, 2012), it most 

commonly arises due to calcific aortic valve disease (CAVD) (Otto et al., 1997). In CAVD, 

leaflet calcification is driven by native valvular interstitial cells that acquire a pro-calcific 

profile in response to several pathological stimuli, such as increased calcium phosphate levels 

or low-density lipoprotein accumulation (Sun et al., 2013). Interestingly, it has been found that 

the development of calcification patterns has a mechanobiological basis, with studies (Arzani 

and Mofrad, 2017; Fisher et al., 2013; Weinberg et al., 2009) demonstrating that calcification 
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follows a strain-based progression model. Calcification of the native valves is more likely to 

occur on the aortic side of the leaflets (Otto et al., 1997) and, due to the complex mechanical 

environment of the native aorta, patterns are generally non-uniform and, in some cases, are 

asymmetric. Thubrikar (1986) investigated over 300 explanted valves with calcifications and 

found that the majority of leaflets had calcification patterns that (i) occurred along the line of 

cusp coaptation (see Figure 5.1a) or (ii) occurred as spokes spreading inwardly from the cusp 

attachment point towards cusp centre (see Figure 5.1a), with a minority of cases having an 

indiscernible calcification pattern. Symmetric calcification has been shown to be more 

common in females with smaller aortic root diameters, while asymmetric calcification lends to 

higher levels of cumulative calcification (Piayda et al., 2021). Asymmetric calcification of the 

leaflet cusps can lead to suboptimal results in transcatheter aortic valve implantation (Milhorini 

Pio et al., 2020) such as atrioventricular block caused by high levels of calcification in the left 

coronary cusp requiring pacemaker implantation (Fujita et al., 2016). Figure 5.1b shows 

clinical imaging examples of the variations that have been observed in calcification patterns, 

with Figure 5.1b (i-iii) showing highly asymmetric calcifications (Larroche et al., 2020; 

Milhorini Pio et al., 2020; Tan et al., 2020) and Figure 5.1b (iv-vi) showing more symmetric 

regional calcifications (Larroche et al., 2020; Sakrana et al., 2016; Vargas et al., 2009). While 

it is well-known that valvular calcification such as this leads to progressive 

stiffening/narrowing of the aortic valve orifice, there remain distinct challenges in clinical 

assessment of calcification and there is limited understanding of how non-uniform and/or 

asymmetric calcification of valve leaflets impacts hemodynamic performance.  

In a clinical setting, two separate approaches are typically used to evaluate aortic stenosis and 

its effect on valvular performance. Firstly, the amount of valvular calcification can be 

determined using computed tomography (CT) imaging. Through this approach, the severity of 

calcification is generally quantified by establishing an Agatson score (Agatston et al., 1990). 
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This metric categorises calcification by multiplying the area of a lesion by a density score that 

corresponds to a Hounsfield units density range, summing the total values for each lesion. 

While this approach quantifies the severity of stenosis and calcification, it provides little 

information on the nature, pattern and location of calcification (Agatston et al., 1990) or, more 

importantly, the actual performance of the native valve. On the other hand, clinical evaluation 

of aortic stenosis through Doppler echocardiography can be used to estimate the hemodynamic 

parameters of the valve (Baumgartner et al., 2009). This approach directly estimates 

information on jet velocity, mean transaortic pressure gradient and the valve area determined 

by the continuity equation. Evaluation of the aortic valve area (AVA) by this method allows 

for aortic stenosis quantification as mild (AVA ≥ 1.5 cm2), moderate (AVA < 1.5 cm2 ≥ 1.0 

cm2), or severe (AVA < 1.0 cm2).  Additional parameters of transvalvular ΔP and jet velocity 

have respective cut-off values defining severe aortic stenosis of 40/50 mmHg and 4 m/s 

(Baumgartner et al., 2009). Even though this approach is occasionally combined with the 

Agatson score, the latter is a bulk measure of calcification and there remains a lack of 

understanding of the relationship between specific features of aortic stenosis, the progression 

of calcification, and overall hemodynamic performance of the native valve.  

Interestingly, valve calcification is not only limited to native valves, but can also create distinct 

problems for bioprosthetic aortic valve replacements (AVRs) (Capodanno et al., 2017; Dvir et 

al., 2018; Head et al., 2017; Kostyunin et al., 2020). When testing valves in vitro, 

hydrodynamic assessment using pulsatile flow bench test systems simulate physiological 

conditions and are used to assess valve hemodynamic performance. ISO 5840 defines 

acceptable values for key performance parameters of EOA and RF for a valve operating at 

normotensive conditions at a range of orifice sizes. Many comprehensive studies comparing 

these parameters across valve designs have been carried out on commercial flow rigs (Rahmani 

et al., 2017; Rotman et al., 2019). With respect to calcification, several studies have examined 
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the effects of calcification on a valve’s hydrodynamic performance through in vitro tests 

(Barannyk et al., 2017; Falahatpisheh et al., 2017), all of which found a negative impact on the 

hydrodynamic parameters of the valve. Typically, these studies induce calcification in a valve 

by means of a calcifying solution (Boloori Zadeh et al., 2014) where the valve is uniformly and 

progressively calcified in accelerated wear testing, while being removed for hydrodynamic 

testing at various intervals. Meanwhile, other studies examined the effects of crimping in 

TAVR devices by using calcifying solution on valves post crimp (Zareian et al., 2019). While 

finite element analysis (FEA) is commonly used to perform structural and fatigue analysis of 

the native aortic valve and AVRs (Arcidiacono et al., 2005; Burriesci et al., 2010; Claiborne et 

al., 2013; Haj-Ali et al., 2008; Kim et al., 2008; Li and Sun, 2017, 2010; Serrani et al., 2016; 

Smuts et al., 2011), very few studies have been conducted to understand the role of calcification 

on either structural or hemodynamic performance of aortic valves. Halevi et al. (2015) have 

provided some of the most relevant information by relating the effects of leaflet calcification 

on the resulting systolic opening area and maximum resulting strains through both in vivo 

imaging and FEA. Computational studies that have considered calcification patterns have 

largely been focussed on using clinical calcification data to evaluate the impact of calcification 

on TAVR implantation (Dimasi et al., 2015; Finotello et al., 2017; McGee et al., 2019; Sturla 

et al., 2016).  Few studies have investigated the effects of non-uniform calcification pattern 

development on hemodynamic performance of either native or bioprosthetic valves. However, 

the in silico surrogate framework developed in Chapter 4 provides a suitable framework to 

provide further insight into the effect of asymmetric and regional calcification on 

hydrodynamic performance.  

The objective of this study is to investigate the role of non-uniform and asymmetric aortic 

stiffening on valvular performance using both in vitro testing and in silico modelling. This 

approach seeks to provide insight into the role of calcification on native aortic valve 
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performance by making use of a tri-leaflet polymer valve as a model for the native aortic valve. 

Various stiffened patterns are introduced on the aortic valves by applying cyanoacrylate to 

represent calcified regions. To establish stiffening patterns to be applied, a strain-based in silico 

calcification progression model was developed in FEA based on the work of Arzani and 

Mofrad (2017). For the in vitro testing, polymer valves were stiffened in several stages 

according to the desired calcification pattern and the resulting hydrodynamic performance 

characterised. The results of the in vitro experiment were used to verify the behaviour of an in 

silico model of the calcified valve leaflets and correlate decreasing hydrodynamic parameters 

with surrogate FEA measures, developed in Chapter 4. Using this approach, several different 

scenarios of calcification locations were investigated and their predicted effect on 

hydrodynamic performance evaluated, providing novel insight into the effect of calcification 

on aortic valve performance.  
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Figure 5.1 (a) diagram from Thubrikar et al.(1986) describing the calcification patterns 

present in 87% of explanted leaflets, where C is the line of cusp coaptation and A is the cusp 

attachment points and (b) planar images of aortic calcification, with several in vivo examples 

of asymmetric calcification (i-iii) and symmetric and regional calcification (iv-vi). Adapted 

from (i) Larroche et al. (2020) (ii) Milhorini et al. (2020) (iii) Tan et al. (2020) (iv) Larroche 

et al. (2020) (v) Sakrana et al. (2016) and (vi) Vargas et al. (2009) 

5.2 Materials and Methods  

5.2.1 Valve Design and Manufacture 

To investigate the role of calcification on aortic valve performance, several polymeric surgical 

aortic valve prostheses were designed and manufactured from a synthetic polyurethane 

elastomer variant, developed at the University of Galway. The manufacturing process was 

similar to Chapter 4 and used the design of Valve B, described in Chapter 4, which featured a 

common tri-leaflet design with an internal orifice diameter of 23 mm (±0.2 mm). This valve 

also had an embedded steel wire frame to provide radial reinforcement, and a skirt/suture ring 
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around the basal circumference to enable mounting during in vitro testing, as shown in Figure 

5.2a.  The manufactured valve was tested without calcification as a control for the in vitro 

testing. The valve was also tested using an in vitro stiffened model, whereby cyanocrylate was 

applied to the valve according to a range of different patterns that were determined 

computationally.  

 

 

Figure 5.2 (a) 3D rendering of Tricuspid Valve Design. (b) Finite element Generated Mesh 

5.2.2 In Silico Model of Calcification Progression 

The calcification patterns considered in both the in vitro testing and subsequent in silico models 

were based on a strain-based calcification progression model, developed using a three-

dimensional finite element model in Abaqus/Standard finite element code (Abaqus 2017, 

Simulia, RI, USA). This model considered only the valve leaflets, as shown in Figure 5.2b, 

which were discretised with ~5,000 8-noded brick, reduced integration elements (CD38R), 

having 2 elements across the leaflet thickness of 0.3 mm. For the strain-based calcification 

progression model, the leaflets were assumed to be linear elastic with a Young’s Modulus of 

3.8 MPa (based on the secant modulus to the linear region of the stress-strain response, as 

previously characterised in Chapter 4), with a Poisson’s ratio of 0.45. A user-defined field 

(USDFLD) subroutine was written in FORTRAN to capture the development of calcification 



Chapter 5 

 

 

130 

 

throughout the leaflets, based on the peak strains experienced during systolic and diastolic 

pressure loads. The algorithm was applied to the top layer of aortic surface elements only, 

based on the observation that calcification occurs mainly on the aortic surface of the leaflets 

(Otto et al., 1994; Weinberg et al., 2010; Yip and Simmons, 2011).  A full simulation cycle 

included a diastolic pressure of 100 mmHg, followed by a systolic pressure of 35 mmHg. The 

nodes at the fixed edges of the leaflets, which would be connected to the stent frame, were 

constrained in all directions, while diastolic and systolic pressure differences were applied to 

the aortic and ventricular surfaces of the leaflet. The peak strains experienced by the valve were 

recorded for each element and a strain threshold of 8.5% was used to initiate stiffening of the 

valve (Fisher et al., 2013). Any elements where the max strain surpassed this threshold were 

stiffened by increasing the Young’s Modulus to 1 GPa, which was previously used by Halevi 

et al. (2015). By repeating the simulation over 50 cycles, the stiffened pattern was generated 

and used as a basis for subsequent in vitro tests and in silico modelling of calcified valves. The 

resulting patterns, shown in Figure 5.3 agreed qualitatively to those observed in Thubrikar’s 

study (see Figure 5.1). In referring to the patterns, these are classified according to the 

percentage coverage as Mild (<15%), Moderate (> 15 and < 30%) and Severe (>30%). 
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Figure 5.3 Application of the Generated Stiffening Pattern from the In Silico Model for the in 

Vitro Experiment for (a) 0%, (b) Mild (9%), (c) Moderate (24%) and (d) Severe (38%) 

coverage 

 

5.2.3 In Vitro Testing of Stiffened Valve Hydrodynamics 

To evaluate the hydrodynamic performance of a progressively stiffening valve, in vitro bench 

testing was performed using a Vivitro Pulse Duplicator (Vivitro Labs, Inc. Victoria, B.C.) 

according to ISO 5840. Three stages of stiffening, measured by percentage coverage (%) of the 

leaflets, were taken from the in silico generated calcification pattern shown in Figure 5.3. 

Calcification coverage of 9%, 24% and 38% leaflet area was tested. Following the control 

experiment, the valve was removed from the rig and dried. The in vitro stiffened model used 

cyanoacrylate to induce stiffening of the leaflets by direct application of cyanoacrylate to the 

aortic side of the leaflets under a microscope. Care was taken to apply each stage calculated 

from the in silico calcified model, as shown in Figure 5.3. Once the cyanoacrylate had cured, 
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the valve was returned to the flow rig and tested under the same beats per minute, stroke volume 

and mean aortic pressure (MAP) conditions.  

Similar to Chapter 4, in vitro testing consisted of the valves being sealed in a mounting ring 

and placed in the aortic position between the ventricular sac and aorta of the flow rig. This flow 

rig reproduced cardiac pulsatile flow by compressing the ventricular sac, ejecting fluid through 

the aortic valve according to assigned stroke volume, systolic waveform and heart rate.  

Pressure transducers recorded the aortic, ventricular and atrial pressures, while a flow probe 

positioned directly below the valve took flow measurements during each cycle. The valves 

were tested in 0.9% NaCl solution at room temperature (≈20 °C). High-speed images were 

captured using a Sony RX100 Mark IV camera (Figure 5.4a) at a frame rate of 1000 fps to 

visualise open and closing configurations of valves during testing. Vivitest software (Vivitro 

Labs, Inc. Victoria, B.C.) recorded pressure and flow measurements over 10 consecutive 

cycles, which were used to calculate several hydrodynamic parameters, namely the effective 

orifice area (EOA) (Equation 4.1), regurgitant fraction (RF) (Equation 4.2) and transvalvular 

pressure drop (ΔP). The transvalvular ΔP refers to the pressure gradient across the valve during 

systole, shown in Figure 5.4b. To study the effects of calcification progression, the valve was 

first tested in its control state of no calcification with normotensive conditions of 70 bpm, 70 

mL stroke volume and 100 mmHg MAP.  
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Figure 5.4 (a) Schematic of Vivitro Left Heart Simulator with pressure transducers and a flow 

probe which was used to carry out in vitro hydrodynamic testing, (b) a typical diagram of 

average flow measurements, aortic and ventricular pressures measured over 10 cardiac cycles  

5.2.4 In Silico Performance of Stiffened Valve 

5.2.4.1 Comparison of In Vitro and In Silico GOA 

To create a comparable simulation to the in vitro experiments, the pattern generated by the 

calcification algorithm was exported to a new finite element model. In this case, each stage of 

calcification was independently modelled by creating an offset layer of elements on top of the 

leaflet surface, as shown in Figure 5.3. This offset layer was assigned a thickness of 0.15 mm, 

a Young’s modulus of 1 GPa and Poisson’s ratio of 0.45, to represent the stiffened region. 

Separate simulations for diastolic and systolic pressure conditions were investigated with 

increasing calcification coverage. A diastolic pressure of 100 mmHg was applied to the aortic 

side of the leaflets, corresponding to the MAP of 100 mmHg applied during the experimental 

in vitro testing. A systolic pressure of 35 mmHg was applied to the ventricular side. During the 

systolic configuration, the maximum GOA of the valve was recorded. To ensure the validity 

of this finite element approach, prior to investigating different calcification scenarios, the GOA 

of the in silico model with three calcified leaflets and increasing calcification coverage was 

compared with the in vitro GOA, shown later in Figure 5.8.  
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5.2.4.2 Symmetric, Asymmetric and Regional Calcification Patterns  

Following the verification of the in silico calcification model, the effects of asymmetric and 

symmetric leaflet cusp calcification and regional calcification on overall hydrodynamic 

performance were examined. Asymmetric calcification was modelled by isolating calcification 

to a single leaflet (Valve I) and across two leaflets (Valve II), while three leaflet calcification 

(Valve III) was symmetrically calcified across all three leaflets. These scenarios are represented 

in Figure 5.5. Furthermore, the effects of regional based calcification on hydrodynamic 

performance are examined for Valve-III, estimated through the surrogate measures of LCA, 

GOA and the pressure required to open the valve to 40% (ΔPOA40%). These measurements were 

investigated in Chapter 4 as suitable surrogate measures of in vitro measured RF, EOA and 

transvalvular ΔP respectively. In silico diastolic GOA was also investigated. 

In Valve III-Upper, the calcification was isolated to the upper portion of the leaflet cusps. Valve 

III-Lower had calcification confined to the lower portion of the leaflet cusps. Valve III-Centre 

had the calcification confined to the middle or central region of the leaflet cusps, while Valve 

III-Sides had calcification isolated to the sides of the leaflet cusps. Each scenario is shown in 

Figure 5.5.  
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Figure 5.5 (Top-left) Asymmetric Calcification on Valve I (single leaflet) and Valve II (two 

leaflets), (Top-right) Symmetric calcification on Valve III (three uniformly calcified leaflets) 

(Bottom) Regional Calcification confined to the upper, lower, sides and centre regions of the 

valve cusps 

5.3 Results  

5.3.1 In Vitro Testing 

In vitro hydrodynamic testing of Valve III was carried out for mild (9%), moderate (24%) and 

severe (38%) symmetric calcification patterns. The transvalvular pressure profiles with 

increasing calcification coverage, along with the aortic, ventricular pressure and flow profiles 

are shown in Figure 5.6. The mean values of EOA, RF and transvalvular ΔP are shown in 

Figure 5.7, with standard deviation represented by error bars (each valve tested over 10 cycles). 

The EOA decreased in each valve with increasing calcification, with an EOA of 1.26 cm2 at 

0% coverage decreasing to 0.7 cm2 at 38% calcification coverage. The RF was higher with 

increasing calcification coverage, with RF being only 3.5% at 0% coverage, increasing to 19% 

for severe (38%) coverage. The transvalvular ΔP increased in the valve with increasing 

calcification, with the minimum transvalvular ΔP measuring at 19 mmHg at 0% coverage, 

rising to a peak of 60 mmHg at severe (38%) coverage.  
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Figure 5.6 (left) In vitro hydrodynamic transvalvular pressure profiles with increasing 

calcification coverage (right) In vitro hydrodynamic aortic and ventricular pressure (mmHg) 

and flow profiles (mL/s) with increasing calcification coverage (%) 

 

 

Figure 5.7 In vitro hydrodynamic parameters according to ISO 5840 of EOA, transvalvular 

pressure drop (ΔP), and RF, were measured for the tri-leaflet calcified valve (Valve III) with 

increasing calcification coverage. Data is represented as the mean ± SD, n = 10 (valve tested 

over 10 cycles), (a) EOA with increasing calcification coverage. (b) Transvalvular ΔP with 

increasing calcification coverage. (c) RF with increasing calcification coverage. 
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5.3.2 In Silico Analysis  

5.3.2.1 Model Verification 

In vitro and in silico deformations of Valve III with increasing calcification coverage during 

systole and diastole are shown in Figure 5.8. In diastole, the FEA simulations predicted the 

increasing diastolic GOA, agreeing with the in vitro results. However, the in vitro test exhibited 

a pin-wheeling effect and crimp of the leaflets due to the calcification, which was not present 

in the FEA simulation. At systole, the in vitro experiment exhibited asymmetrical opening, 

with a gradual decrease in systolic GOA as calcification increased. For both mild (9%) and 

moderate (24%) calcification scenarios, the FEA simulations exhibited symmetric opening of 

the leaflets, but predicted similar GOAs to those measured experimentally. For the severe 

calcification pattern, the in silico model predicted a greater reduction in GOA compared to the 

experiments.  
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Figure 5.8 (Top) Validation of GOA of In Silico and In Vitro Experiments for the Tri-Leaflet 

Stiffened Valve, (bottom) The diastolic and systolic positions of the tri-leaflet stiffened aortic 

valve (III) were captured and viewed from the outflow (aortic) side of the valve. The in vitro 

hydrodynamic condition, as viewed from the outflow tract, compared to the corresponding in 

silico valve finite element simulation. 
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5.3.2.2 Asymmetric and Symmetric Calcification  

The effects of asymmetric (Valve I and II) and symmetric calcification (Valve III) from the in 

silico model are described here, with the predicted values of systolic GOA with increasing 

calcification shown in Figure 5.9a. At systole, the GOA for the single, bi-leaflet and tri-leaflet 

stiffened valves (Valve I, Valve II and Valve III) decreased as calcification progressed. The 

greatest reduction in systolic GOA was in Valve III for the severe case, where stiffening was 

present in all the leaflets, decreasing from 170 mm2 at 0% coverage to 20 mm2 for severe 

stiffening (38% coverage). However, the mild and moderate cases of symmetric stiffening in 

Valve III showed much smaller reductions in GOA. Contrastingly, for asymmetric stiffening 

of both Valves I and II, there were more substantial reductions in GOA when compared at the 

same percentage coverage compared to the symmetric case (Valve III). For example, severe 

asymmetric coverage of two leaflet cusps in Valve II led to a substantial reduction in systolic 

GOA, reducing from 183 mm2 at 0% coverage to 76 mm2, which corresponded to 26% overall 

coverage. At the same percentage coverage, the symmetric case had a GOA of 168 mm2. This 

indicates that severe asymmetric calcification of one or two leaflets can be more detrimental 

than more moderate calcification of all three leaflets for systolic GOA. The in silico model 

predicted values of diastolic GOA with increasing calcification are shown in Figure 5.9b. In 

diastole, the GOA for Valve I, Valve II and Valve III increased as calcification progressed. 

However, in this case, symmetric calcification was more detrimental to GOA than asymmetric, 

with diastolic GOA showing greater relative increases for Valve-III, rising to 10 mm2 at 38% 

coverage but being consistently higher than Valve-I and II when similar coverage was present. 

The predicted values of in silico LCA with increasing calcification are shown in Figure 5.9c. 

For both the asymmetric and symmetrically calcified valves, the LCA decreased as 

calcification progressed. The greatest decrease was seen in Valve III, where the LCA reduced 

from 50 mm2 to 20 mm2 for the severe case (38% coverage). The smallest reduction was seen 
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in Valve I, which decreased to 42 mm2 at 12% coverage. The predicted values of in silico 

pressure required to achieve 40% of the maximum opening area of the valve (POA40%) with 

increasing calcification from the in silico model is shown in Figure 5.9d. The POA40% was 

greatest in the symmetrically-calcified Valve III, requiring a maximum pressure of 40mmHg, 

The POA40% was lowest in asymmetrically calcified Valve I at a peak of 13 mmHg at 12% 

coverage. These findings indicate that asymmetric calcification is not as detrimental to 

transvalvular pressure, compared to symmetric calcification. 

 

Figure 5.9 Effects of asymmetric calcification with increasing coverage for (a) Systolic 

Geometric Orifice Area, (b) Diastolic Geometric Orifice Area, (c) Leaflet Coaptation Area, 

(d) Pressure required to open the valve to 40% 
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5.3.2.3 Regional Calcification  

The effect of regional calcification progression on systolic GOA is shown in Figure 5.10a. 

Valve III-Upper, III-Lower, III-Sides and III-Centre all predicted only a slight drop in systolic 

GOA, even for severe calcification cases, indicating that the regional cases examined had little 

effect on systolic GOA. On the other hand, the predicted values of diastolic GOA with 

increasing calcification coverage are shown in Figure 5.10b and substantial differences were 

seen. In particular, stiffening in the upper (Valve III-Upper) and side regions (Valve III-Sides) 

resulted in substantial increases in diastolic GOA, indicating that these configurations lead to 

incomplete valve closure at diastole, i.e. aortic regurgitation or back flow predicted to occur. 

The predicted values of in silico LCA with increasing calcification are shown in Figure 5.10c. 

These results aligned with the diastolic GOA trends, whereby the upper (Valve III-Upper) and 

side (Valve III-Sides) stiffened cases showed the lowest LCA values, again indicating 

incomplete closure of valves. In particular, Valve III-Upper saw the greatest drop in LCA with 

increasing calcification, reducing to 21 mm2 at 15% coverage, while Valve III-Sides reduced 

to 30 mm2 at 20% coverage. Finally, the predicted values of in silico pressure required to 

achieve 40% of the maximum opening area of the valve (POA40%) with increasing calcification 

from the in silico model is shown in Figure 5.10d. Here, stiffening in both the upper (Valve 

III-Upper) and centre (Valve III-Centre) regions had little effect on the opening pressure 

required. Contrastingly, peak values of 39 mmHg for both Valve III-Lower and III-Sides 

respectively were required to open these valves in the most severe cases. These findings 

indicate the regional calcification could substantially influence transvalvular pressure for 

valves. A comparison of peak opening across all the calcification configurations is shown in 

Figure 5.11. 
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Figure 5.10 Effects of regional calcification for (a) Systolic Geometric Orifice Area, (b) 

Diastolic Geometric Orifice Area, (c) Leaflet Coaptation Area, (d) Pressure required to open 

the valve to 40% 
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Figure 5.11 Deformation of each valve with peak calcification coverage at peak opening 

time.  

5.4 Discussion 

Through in vitro and in silico testing, this chapter used three-dimensional FEA to gain a greater 

understanding of the role of asymmetric and regional stiffening on the hydrodynamic 

performance of the aortic valve. This study makes use of a tri-leaflet polymer valve as a model 

for the native aortic valve. Hydrodynamic testing of progressively stiffened valves was carried 

out using a pulsatile flow rig according to ISO 5840, while an in silico framework was also 

developed to examine the effects of different calcification scenarios on potential hydrodynamic 

performance. There were several key findings from the study. In considering asymmetric 

calcification, it was observed that the more asymmetric the calcification coverage, the more 

detrimental this was to valve systolic GOA. In contrast however, symmetric calcification was 

actually more detrimental to transvalvular pressure, diastolic GOA and LCA, than asymmetric 

patterns. When considering regional based calcification, it was observed that stiffening 
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confined to the upper and side regions of the valves (Valve’s III-Sides and III-Upper) impacted 

valve closure more significantly than stiffening confined to the centre and lower regions of the 

valve cusps. The results of this study demonstrate that this in silico testing framework can 

provide insight into the effects of calcification or stiffening on the hydrodynamic performance 

of native or prosthetic aortic valves.  

While previous computational studies have investigated the effects of calcification on native 

aortic valve biomechanics, these have largely been focused on the role of calcification and its 

impact on TAVR deployment (Dimasi et al., 2015; McGee et al., 2019). For example, 

asymmetric calcification has been shown to impact TAVR implantation by creating 

atrioventricular nodal block by large levels of calcification on the coronary cusp (Fujita et al., 

2016), which can result in the need for permanent pacemaker implantation. However, this study 

is one of the first to investigate the impact of different calcification patterns on the 

hydrodynamic performance of a tri-leaflet aortic valve, which has significance for native aortic 

valve biomechanics. These results clearly demonstrated that hydrodynamic performance is 

negatively impacted with increasing calcification for all scenarios considered. It was found that 

asymmetric calcification leading to greater reductions in systolic GOA, compared to symmetric 

calcification. In these asymmetric cases, calcification was more concentrated on either one or 

two leaflets, which could become quite severe and almost completely disable these leaflet(s) 

from opening during systole. Interestingly, when calcification was confined to one or two 

leaflets, it had a more severe impact on the overall GOA of a valve, when compared to similar 

coverage across three leaflets. On the other hand, symmetric calcification was the more 

detrimental to diastolic valve performance than asymmetric calcification, when diastolic GOA, 

LCA and valve opening pressure required were considered. While LCA reduced for all 

calcification cases considered, the symmetrically calcified Valve III saw the largest reduction 

in LCA, while the asymmetrically calcified Valve I saw the least degeneration. In these 
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scenarios, it appears that the non-calcified leaflets would conform to the disabled leaflets, 

resulting in smaller LCA decreases with asymmetric stiffening. The pressure required to open 

the valve saw the greatest increases in the symmetrically calcified Valve III, indicating that 

symmetric stiffening could be a more detrimental factor to transvalvular ΔP than asymmetric 

stiffening.    

As Thubrikar et al. (1986) had identified the presence of various calcification patterns in the 

aortic valve, this Chapter also examined the effect of regional calcification across individual 

leaflets, with various patterns examined covering the valve cusps, the top (III-Upper), bottom 

(III-Lower), middle (III-Middle) and sides (III-Sides). Interestingly, these regional cases 

examined had very little effect on the systolic GOA. Diastolic GOA was most affected by upper 

and side leaflet cusp calcification. The GOA was also measured at peak diastole to examine 

the impact of increasing calcification coverage on the small orifices present at the centre and 

sides of the leaflets during diastole. As calcification increased, these orifices increased in size, 

which could, in turn, contribute to a larger RF upon valve closure. When the calcification was 

isolated to the lower region of the leaflet, there was a reduction in the GOA at diastole, 

indicating that when located in this area, closure of the leaflets was improved compared to 

calcification isolated to the upper and side regions. When calcification was confined to the 

upper and side regions of the leaflet cusp, the LCA reduced to similar levels as that of Valve 

III, however at a much lower calcification coverage % of the leaflet. This indicates that upper 

and side regional calcification of leaflet cusps was more significant than middle and lower 

regional calcification on valve closure and coaptation. Interestingly, when considering the 

pressure required to open the valve, calcification at the side of the leaflet cusps had a significant 

impact, but upper regional calcification did not, perhaps as this region was close to the free 

edge of the leaflet. Instead, the lower portion of the valve leaflets contributed to increased 
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pressures, indicating that this would generate a larger transvalvular ΔP for valve 

hydrodynamics. 

Clinically, Doppler echocardiography and quantitative measurements such as the Agatson 

score have been relied on to describe the severity of aortic stenosis and levels of calcification 

(Baumgartner et al., 2017). What these methods do not focus on, or evaluate, is the effect of 

actual calcification location and patterns on the resulting valve performance. The 

measurements taken in this study for in silico measured parameters allow us to investigate 

which calcification locations and patterns are more detrimental to the hydrodynamic 

performance. It was found that calcification confined to the lower and side portions of the valve 

leaflets would lead to increased transvalvular ΔP. Calcification confined to the top and sides 

of the leaflet cusps impacted the LCA, comparatively to the symmetric Valve III, while 

symmetric calcification throughout each cusp was more detrimental to valve GOA than 

asymmetric calcification.  Collectively, these results demonstrate the ability of FEA to 

investigate the impact of calcification growth on hydrodynamic performance in the aortic 

valve. 

This study was limited in that the calcification patterns and isolated scenarios were based on 

an in silico generated calcification model. The algorithm could be improved by incorporating 

a non-uniform thickness of calcification or varying the stiffness of the calcification throughout 

the cusps. Or to further this study, the methods shown could be investigated on patterns and 

calcification locations derived from patient specific data. In addition, the valve examined in the 

in vitro pulsatile flow rig is a polymer surgical aortic valve, as opposed to a bioprosthetic or 

native valve. Since the geometry closely resembles that of the native valve being a tri-leaflet 

with semi-lunar cusps, and bulk parameters are being measured, the methods shown here 

directly relate to the native valve and the study should not be considered to only apply to a 

polymer valve replacement. 
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5.5 Conclusion  

An in silico framework has demonstrated the ability of finite element modelling to investigate 

the effects of increasing calcification on the degeneration of hydrodynamic performance of the 

aortic valve. In silico surrogate measures were used to inform bulk hydrodynamic parameters, 

while specific calcification scenarios were investigated. The results showed that different forms 

of calcification, asymmetric or symmetric, or regional calcification locations can have very 

different impacts on the in silico measured parameters and the indicated in vitro hydrodynamic 

performance. It was found that asymmetric calcification was detrimental to valve systolic 

GOA. In contrast however, symmetric calcification was detrimental to transvalvular pressure, 

diastolic GOA and LCA. When considering regional based calcification, it was observed that 

stiffening confined to the upper and side regions of the valves (Valve’s III-Sides and III-Upper) 

impacted valve closure more significantly than stiffening confined to the centre and lower 

regions of the valve cusps. 
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CHAPTER 6  

2D Fluid-Structure Interaction 

Modelling of Aortic Leaflet Dynamics 

using the Abaqus Coupled Eulerian 

Lagrangian (CEL) Approach 

6.1 Introduction 

The design and manufacture of aortic valve replacements (AVRs) is a multifaceted process that 

can be greatly aided by computational simulations. Finite element analysis (FEA) has been 

widely used to understand the function of native aortic leaflets and to improve the design of 

AVR devices. For the native valve, FEA has been used to predict valve deformation under 

physiological loading (Labrosse et al., 2010), or to predict mechano-biological aspects such as 

strain-based calcification growth patterns (Arzani and Mofrad, 2017). In Chapter 4, it was 

demonstrated that FEA could estimate the in vitro hydrodynamic performance of an AVR by 

analysing several surrogate parameters associated with valve hydrodynamics (Whiting et al., 

2022). While this approach provided useful insight into valve performance, at relatively low 

computational cost, these simulations were limited to a structural analysis and relied on several 

assumptions on boundary conditions to represent the effect of the hydrodynamic loading on 
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the boundary valve problem. However, structural FEA valve simulations apply uniform aortic 

and ventricular pressures to the leaflet surfaces, thereby simulating systolic and diastolic 

conditions. This uniform application of the pressure load results in symmetric opening of the 

leaflets, which is typically not observed in vitro or in vivo. To fully represent the hydrodynamic 

flow and its effect on leaflet biomechanics, a coupled fluid-structure interaction (FSI) 

simulation is required.  

Typically, FSI simulation approaches fall into one of two categories, (i) the Arbitrary 

Lagrangian Eulerian (ALE) method, where the fluid mesh conforms to the Lagrangian structure 

as it moves, or (ii) the immersed boundary (IB) approach, where Lagrangian and Eularian 

domains are overlaid on top of one another (Peskin, 2002). Luraghi et al. (2017) used an ALE-

based approach to demonstrate the benefits of FSI over finite element-based structural models 

for heart valve simulations, showing the ability of the FSI simulation to capture the asymmetric 

leaflet kinematics. Many studies have been performed using ALE-based FSI approaches to 

investigate heart valve biomechanics, with studies investigating the effects of calcification on 

TAVR performance (Halevi et al., 2016; Luraghi et al., 2020) and comparing the hydrodynamic 

performance between SAVR and TAVR valves (Ghosh et al., 2018). This has the added benefit 

of enabling detailed predictions of parameters not measurable in vivo, such as wall shear stress 

(Laadhari and Székely, 2017; Sodhani et al., 2018). A limited number of FSI studies have 

experimentally validated their FSI models by comparing with in vitro testing using pulsatile 

flow rigs (Gharaie et al., 2018; Luraghi et al., 2017; Tango et al., 2018). Many other studies 

have only presented computational results from FSI simulations, and not included any 

experimental validation (Borowski et al., 2018; Chen and Luo, 2018; Hedayat et al., 2017; 

Kandail et al., 2018). As there are many FSI techniques, and many custom-built codes, there 

remains a significant need for approaches that provide experimental validation to FSI 

techniques before they can be more widely used for in silico bench testing.   



Chapter 6 

 

 

154 

 

Apart from providing insight and understanding to the in vivo performance of AVRs, FSI also 

has the potential to speed up the design and development process by replicating the in vitro 

hydrodynamic testing required for ISO 5840. A limited number of studies have sought to use 

FSI models using the ALE approach to conduct in silico bench testing, with various authors 

estimating hydrodynamic performance of AVRs (Ghosh et al., 2018; Luraghi et al., 2019; Piatti 

et al., 2016). Of particular interest to this chapter are the hydrodynamic parameters from ISO 

5840, namely EOA and transvalvular ΔP, both of which serve as an important metric of valve 

performance during the development process. While several studies have measured these 

parameters, very few have conducted any experimental validation of the predicted parameters 

from in silico bench testing. Luraghi et al. (2017) focused on comparing the geometric orifice 

area (GOA) across experimental, FSI and structural finite element analysis (FEA) models, 

finding a 5% difference between FSI and experiment, but a much larger 46.5% difference 

between the structural FEA and experiment. Gharaie et al. (2018) also focused on comparing 

EOA and GOA, finding a 5.7% percentage error between in silico and in vitro experiments.  

Alternative to the ALE-based approach, studies using the IB approach employ a fixed fluid 

mesh, through which the Lagrangian structure moves. This results in a more computationally 

efficient simulation, at the expense of fluid leaflet boundary resolution. This was demonstrated 

by Bavo et al. (2016) who evaluated the method compared to ALE for modelling aortic heart 

valve deformation (Bavo et al., 2016). The IB technique used in this study was termed Coupled 

Eulerian Lagrangian (CEL), which uses the IB method commercially available within the 

Abaqus Explicit Package (Dassault Systemes, RI, Providence). However, Bavo et al. (2016) 

did not include an experimental comparison in the study, and it appears that there are no other 

published works that have investigated the Abaqus/CEL method further for valve design. Thus, 

the motivation for this chapter is to address the experimental validation of the Abaqus/CEL 

method for aortic valve, given that it is a commercially available method and has already been 
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proven to perform sufficient simulations for deformation of aortic valves under pulsatile 

conditions.  

This study investigates the potential of Abaqus/CEL to perform a hydrodynamic analysis of 

aortic valves according to the ISO 5840 standard by replicating the results measured from an 

in vitro pulsatile flow rig in 2D. An experimental flow chamber was designed and 

manufactured to quantify the deformation of a polymer leaflet under steady-state flow 

conditions. Following on from this benchmarking, the Abaqus/CEL method was used to 

investigate the fluid and structural biomechanics of a 2D aortic valve representation in both a 

healthy and diseased state. Hydrodynamic parameters from ISO 5840, including effective 

orifice area (EOA) and transvalvular pressure drop (ΔP), were evaluated from these simulations 

to investigate the potential of this method for conducting in silico bench testing 

6.2 Materials and Methods 

6.2.1 In Vitro Flow Rig Design, Build and Testing 

An in vitro flow rig was designed to investigate the deformation of a polymer leaflet under 

steady-state flow conditions as a benchmark case for the FSI model developed using the 

Abaqus/CEL method. A schematic of the test set up is shown in Figure 6.1, whereby the 

polymer leaflet sits within a rectangular channel, with flow entering and exiting the region 

through circular inlet and outlet ports.  

 

Figure 6.1 Experimental set up of the flow rig showing the inlet, outlet and 500 mm long 

channel, with the polymer leaflet positioned 400 mm downstream of the inlet 
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The dimensions of the channel region were determined based on Computational Fluid 

Dynamics (CFD) simulations carried out using ANSYS/CFX software. These were conducted 

to ensure fully-developed laminar flow conditions during the tests carried out. For these 

simulations, the fluid domain of the channel region was modelled along with circular inlet and 

outlet ports in the absence of the polymer leaflet. The domain was meshed with 515,000 

hexagonal elements and a uniform velocity of 0.03 m/s was applied at the inlet. This flow 

regime corresponded to a dimensionless 1 Number of Re = 600 at the inlet port and Re = 988 

in the rectangular channel, calculated by Equation 6.1: 

𝑅𝑒 =  
𝜌𝑢𝐿

𝑣
 

(6.1) 

Where L is the characteristic length (m), 𝜇 is the dynamic viscosity of water (kg m-1 s-1),  𝑢 is 

the velocity (m/s) and 𝜌 is the density (kg/m3). A parametric study was carried out to 

determine a suitable entrance length (Le) in the channel to ensure fully developed flow, where 

it was determined that an entrance length of Le = 400 mm was required to have a system free 

of entrance effects. The velocity contour plot and streamlines of the experimental flow chamber 

under steady-state conditions is shown in Figure 6.2a. The velocity flow profiles across the Y-

axis is shown at 0.1 m, 0.2 m, 0.3 m and 0.4 m along the X-axis, with fully developed laminar 

channel flow at Le = 400 mm evident in Figure 6.2b. 
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Figure 6.2 (a) Velocity contour and streamline profiles of flow chamber under steady state 

conditions (b) velocity flow profile in the Y-axis at points along the X-axis 

Based on the CFD-based design process, the custom-built flow rig was manufactured from a 

0.7 m long rectangular block of polycarbonate. The resulting channel, described in Figure 6.3 

and having dimensions of length 0.5 m, height 0.04 m and depth 0.028 m, was machined into 

the face of the block and a clear acrylic faceplate was mounted on a rubber gasket to allow for 

observation of deformation under flow. Inlet and outlet ports of 0.02 m diameter were 

machined at each end of the channel. 

 

Figure 6.3 General dimensions of machined acrylic rectangular block for experimental flow 

chamber 

A rectangular polymer leaflet of dimensions 30 mm x 20 mm x 1mm was manufactured using 

a commercially available polyurethane, Dragonskin 10 (Smooth-On, Inc. Pennsylvania, USA). 
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This leaflet was attached to a mounting plate with a compression fit and secured from the top 

of the chamber 400 mm from the circular inlet port (see Figure 6.4b) to allow for channel flow 

to fully develop.  

 

 

Figure 6.4 (a) Experimental apparatus showing acrylic flow chamber with tubing and 

camera (b) front lit view for capturing video suitable for post-processing displacement data 

points 

The experimental chamber was filled with water and all air bubbles were removed from the 

system. Water was fed into the system at a flow rate of 3 L/min from a mains water supply via 

the inlet tubing. The deformation of the leaflet was recorded with a camera at 30 fps. To capture 

flow movement, a coloured dye was added to the fluid.   

6.2.2 Coupled Eulerian Lagrangian Fluid-Structure Interaction 

An FSI model was created using Abaqus/CEL. The Abaqus/CEL approach is an IB method of 

FSI modelling with the Abaqus Explicit Package (Simulia, 2017, Providence, RI, USA). The 

Abaqus/CEL method assumes that the Eulerian fluid domain is fixed in space as the Lagrangian 

structure moves through it. This is demonstrated schematically in Figure 6.5.  
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Figure 6.5 (Top row) Representation of deformation of Lagrangian solid structure in the 

fixed Eulerian fluid domain. (Bottom) Representation of volume of fluid definition for a 

Lagrangian solid structure in the Eulerian fluid domain 

The presence of this Lagrangian structure in the Eulerian domain is accounted for by the 

inclusion of an external body force term in the Navier-Stokes equations. To initialise the 

presence of the Lagrangian structure, a volume of fluid (VOF) function is specified, which is 

the fraction of fluid occupying each Eulerian element. Here, values of zero are prescribed for 

elements completely occupying the Lagrangian structure, values of one prescribed for elements 

completely occupying the Eulerian domain and values between zero and one assigned for those 

occupying both domains. This definition is updated throughout the simulation as the 

Lagrangian structure moves through the domain 
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 An equation of state, the Us - Up formulation, was used to model the fluid in the Eulerian 

domain and is given by: 

𝑈𝑠 =  𝐶0 + 𝑠𝑈𝑝 (6.1) 

 

Where Us is the linear shock velocity, Up is the particle velocity, C0 is the speed of sound in 

the fluid, and s is a parameter of the approximation.  

6.2.2.1 Channel Flow with Analytical Solution 

Many existing implementations of the Abaqus/CEL approach in the literature consider non-

flow-based problems to accommodate severe large-deformation structural problems (Ducobu 

et al., 2017, 2016), (Morrison et al., 2018), (Qiu et al., 2011), or some limited fluid-based 

problems such as water impact phenomena (Ahmadzadeh et al., 2014). Due to its limited use 

in traditional fluid flow problems, an initial verification of the Abaqus/CEL method for 2D 

channel flow was conducted. A fluid domain that represented two parallel plates of infinite 

width was meshed with 1,950 8-noded hexahedral Eulerian elements with reduced integration 

(EC3D8R), with bias towards the walls as shown in Figure 6.6a. To enforce no-slip conditions, 

a zero-velocity boundary condition was prescribed at the wall nodes. 
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Figure 6.6. (a) Abaqus/CEL parallel plate flow fluid domain, showing biased mesh towards 

walls for better resolution with the enforced no-slip condition. (b) Fully developed parallel 

plate flow. Adapted from Fluid Mechanics 4th Edition (F. White) 

 A velocity of 0.001 m/s was assigned to the inlet nodes, which resulted in a low Reynolds 

number (Re = 4). The fluid was assumed to be water, which had a density of ρ = 1,000 kg/m3, 

a viscosity of  µ = 0.001 Pa.s and a speed of sound of  𝐶0 = 1,450 m/s. These properties were 

prescribed using the Us-Up formulation in Abaqus. The results were compared to the analytical 

solution for parallel plate flow, which is represented schematically in Figure 6.6b and given by 

the following equation,   

𝑢 =
1

2µ
[−

𝑑

𝑑𝑥
(𝑝 + 𝜌𝑔𝑧)] (ℎ2 − 𝑦2) 

(6.2) 

where 𝑢 is the velocity at position 𝑦, µ is the viscosity, 
𝑑𝑝

𝑑𝑥
 is the pressure gradient, ℎ is half the 

height of the domain, 𝑝 is the density, 𝑔 is acceleration due to gravity and 𝑧 is the increase in 

height, which was zero (e.g. 𝜌𝑔𝑧 =0).  
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The development of channel flow in the Abaqus/CEL simulation is shown in the velocity 

contour plot in Figure 6.7a. Here, once the flow becomes fully-developed, the predicted 

velocity profile by Abaqus/CEL matches exactly the analytical solution as shown in Figure 

6.7b.  

 

Figure 6.7 (a) Velocity contour plot for parallel plate flow Abaqus/CEL simulation showing 

the development of channel flow. (b) Velocity profile of Abaqus/CEL simulation and 

Analytical solution for parallel plate flow 

6.2.2.2 Abaqus/CEL FSI Flow Chamber with Polymer Leaflet 

Following the demonstration of channel flow, a model of the experimental flow chamber with 

polymer leaflet was created using Abaqus/CEL. The fluid domain was modelled as per the 

dimensions of the experimental chamber, measuring L = 0.5 m, W = 0.028 m  and H = 0.04 m.  

The fluid domain was modelled with 225,515 8-noded hexahedral Eulerian elements with 

reduced integration (EC3D8R), as shown in Figure 6.8a. Inlet and outlet nodes were assigned 
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at the start and end of the domain to correspond to 20 mm diameter orifices. Water was 

considered a Newtonian fluid with a density of ρ = 1,000 kg/m3 and a viscosity of  µ = 0.001 

Pa.s. The speed of sound was assigned a compressibility factor of 10 (𝐶0 =145 m/s) to reduce 

the computational cost of the model. This was previously demonstrated by Bavo et al. (2016) 

to be a suitable modification for achieving convergence of the simulation using the 

Abaqus/CEL approach. No-slip conditions were assigned to the walls of the fluid domain. A 

velocity boundary condition of 68.3 mm/s was applied to the nodes at the inlet, while the 

velocity at the outlet was unconstrained with a zero pressure condition.  

 

 

Figure 6.8 (a) Abaqus/CEL Flow Chamber fluid domain and mesh, with 20 mm diameter 

inlet and outlet ports. (b) Close-up of leaflet geometry in Eulerian domain (c) Experimental 

leaflet 
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A Lagrangian structure to represent the polymer leaflet was included in the model (see Figure 

6.8b and 6.8c), which was meshed with 600 8-noded hexahedral elements with reduced 

integration (C3D8R). Contact between the fluid and solid was included using the in-built 

general contact algorithm for Abaqus Explicit simulations. The mechanical behaviour of the 

silicon leaflet was determined through experimental testing as per the ASTM D638 standard, 

which defines standard test methods for tensile testing of plastics. Tensile dog-bone samples 

(n=5) were manufactured from Dragonskin 10 (Smooth-on, Inc. Pennsylvania, USA) and 

axially tested using a uniaxial test machine (Zwick Roell, GmbH & Co., Germany) until failure, 

at a displacement rate of 5 mm/min as shown in Figure 6.9a.  
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Figure 6.9 (a) Destructive testing of Dragonskin 10 in a uniaxial testing machine. (b) 

Material characterisation of Dragonskin 10 for a sample size of n = 5 where the average 

engineering stress strain is plotted with error bars representing the standard deviation at 

each point. The Neo–Hookean model fit is overlaid on the experimental results showing a 

good fit. 

The resulting stress-strain behaviour showed a certain degree of non-linearity and a material 

calibration process was used to fit the constitutive behaviour using a compressible Neo-

Hookean hyperelastic material model, whose strain energy density function may be expressed 

by the following relation,  
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𝑊 =
𝑢

2
(𝐼1 − 3) (6.3) 

where 𝑊 is the strain energy per unit reference volume, and 𝐼1 is the first invariant. It was found 

that a shear modulus 𝑢 = 0.0850 MPa provided a good fit to the experimental data, as shown in 

Figure 6.9b. 

6.2.3 Abaqus/CEL Modelling of In Silico 2D Valve Flow  

To investigate the potential of Abaqus/CEL for AVR design, a 2D valve simulation was 

modelled according to the geometry used by Amindari et al. (2017) shown in Figure 6.10b. 

The objective of this work was to (i) directly compare the predictions of the Abaqus/CEL 

approach to their simulation, which used an ALE solution scheme and (ii) investigate the 

potential of FSI simulations for in silico testing of aortic valve parameters, similar to in vitro 

testing. 

6.2.3.1 Numerical model 

Figure 6.11 shows a schematic of the model that was developed, whereby the fluid domain was 

discretised with 39,468 8-noded hexahedral Eulerian elements with reduced integration 

(EC3D8R). The aortic walls and leaflets were discretised with 1,722 8-noded hexahedral 

Lagrangian elements with reduced integration (C3D8R), as shown in Figure 6.11. The aortic 

walls had a zero-velocity flow condition to model a no-slip boundary condition. The leaflets 

were fixed at the beginning of the aortic sinus. The idealised sinus and valve leaflets were 

representative of a typical native leaflet geometry. The valve leaflets had a Young’s Modulus 

of E =2 GPa, a Possion’s ratio of ν = 0.3 and a density of ρ = 1,000 kg/m3. To investigate the 

effects of leaflet stiffening, a subsequent simulation was carried out where the leaflets had a 

Young’s Modulus to E = 20 GPa, similar to Amindari et al. (2017). A velocity boundary 

condition of 1 m/s, with the profile shown in Figure 6.10a, was applied to the nodes at the inlet, 

while the outlet had zero-pressure condition. An Abaqus/Explicit general contact condition was 
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defined between the fluid and the Lagrangian surfaces. Blood was modelled with a density ρ = 

1,060 kg/m3, viscosity of μ = 0.003 Pa.s and a speed of sound C0 = 1,570 m/s. Based on these 

simulations, the resulting values for the following parameters were measured: the Maximum 

Jet Velocity (m/s), which is the maximum axial velocity emerging from the aortic orifice; the 

maximum transvalvular pressure gradient (TPG) (mmHg) across the valve; the maximum 

Orifice Diameter (mm); and maximum Opening Ratio (OR) of the valve orifice. These were 

evaluated and compared directly to the results of Amindari et al. (2017).  

 

 

Figure 6.10: (a) Velocity inlet profile (b) Geometry of the 2D aortic valve based on Amindari 

et al. (2017) 

6.2.3.2 In Silico Bench Testing.   

These simulations were also used to measure the in vitro valve parameters, as a proof-of-

concept demonstration for in silico bench testing. Here, the results from the Abaqus/CEL 

simulation were used to evaluate key parameters identified in ISO-5840, whereby the EOA and 

transvalvular ΔP, were determined from the model. These measurements were made using a 

“virtual probe” located in a similar position to the Vivitro pulsatile flow rig described in 

Chapters 4 and 5, shown in Figure 6.11. 
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Figure 6.11 Vivitro Pulsatile Flow Rig Probe positions demonstrated on Abaqus/CEL model 

mesh 

As before, the EOA was defined as the minimal cross-sectional area of the jet formed 

downstream of the aortic valve (Akins et al., 2008; Garcia and Kadem, 2006). It is often used 

during cardiac catheterisation to assess the severity of aortic stenosis in diseased patients 

(Baumgartner et al., 2017; Nishimura et al., 2014). It was calculated using the Gorlin Formula 

(Gorlin and Gorlin, 1951), which was provided in Equation 4.1. The transvalvular Δ𝑃 was 

calculated from the average pressure difference over the systolic period and 𝑄𝑅𝑀𝑆 was 

calculated from the applied velocity boundary condition. The flow and ventricular pressure 

were measured from a single node at the ventricular side of the valve.  

6.3 Results 

6.3.1 In Vitro and In Silico Fluid-Structure Interaction of Leaflet Deformation  

The in silico Abaqus/CEL model deformation was overlaid on the in vitro flow rig polymer 

leaflet deformation in Figure 6.12. The Abaqus/CEL simulation provided a close response once 

it reached a steady state at 5s in the simulation, matching the deformation seen in vitro.   
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Figure 6.12 Deformation of the leaflet observed in vitro (solid) and in silico overplayed 

(dashed line), for various time-points until the leaflet reached a steady-state deformation.  

The x-displacement deformation of the in silico and in vitro leaflet tip is shown in Figure 6.13. 

The Abaqus/CEL simulation showed a high degree of initial oscillation, which was greater than 

the level of oscillation observed experimentally. Once the simulation reached a steady-state the 

predicted deflection of the leaflet closely matched the experimental value.  
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Figure 6.13 Measured x-displacement of the leaflet tip in both the in silico model and in vitro 

setups.   

Figure 6.14a shows the resulting qualitative flow patterns from the leaflet testing, which was 

visualised by adding a coloured dye to the fluid upstream of the leaflet. The presence of vortices 

can be seen as the fluid moves around the leaflet. Figure 6.14b shows the corresponding 

velocity vector plots from the Abaqus/CEL simulation at steady-state conditions, which shows 

qualitatively similar features. In both experimental and computational models, the resulting 

fluid motion showed a maximum jet velocity beneath the leaflet, and indicated a wake region 

directly behind the leaflet.   
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Figure 6.14 (a) Qualitative flow pattern testing, with time-steps normalised to the steady 

state configuration; a coloured dye was added to the fluid upstream of the leaflet and the 

resulting fluid motion was observed. (b) Velocity vectors in m/s in the in silico model once it 

had reached steady-state. 
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6.3.2 Fluid-structure Interaction of a 2D Aortic Valve 

Figure 6.15 shows the resulting velocity contours and deformation for the 2D aortic valve 

during the simulation, alongside the results from Amindari et al. (2017) who used an ALE 

approach. Both ALE and Abaqus/CEL models show comparable predictions over each time 

point, although there are certain differences observed during leaflet opening, with the 

Abaqus/CEL method predicting higher jet velocities.  

 

Figure 6.15 Velocity contour plots comparing healthy valve deformation across Abaqus/CEL 

and Amindari et al. (2017) simulations at each time-point.  

From the predicted velocity and pressure values, the average transvalvular pressure gradient 

and flow rate in m3/s were calculated, with results summarised in Table 6.1. As the stiffness of 

the valve leaflets increased to represent a stenosis or stiffening caused by calcific disease, the 

maximum jet velocity and maximum transvalvular pressure gradient increased, while the 

maximum orifice diameter and opening ratio decreased. Comparing results from both studies, 
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the maximum jet velocity increased for the stiffened valve in both the Abaqus/CEL approach 

and the ALE approach by Amindari et al. (2017). The Abaqus/CEL prediction was 11% higher 

for the healthy case, and 4% higher for the diseased case when compared to Amindari et al. 

(2017). The maximum transvalvular pressure gradient increased across both simulations from 

healthy to diseased states. Again, the Abaqus/CEL approach gave a 72% higher prediction in 

the healthy case and a 20% higher prediction in the diseased state. The maximum orifice 

diameter and opening ratio showed comparable decreases from healthy to diseased. For the 

maximum orifice diameter, the Abaqus/CEL simulation was 17% lower in the healthy state, 

and 12% lower in the diseased state. For the maximum opening ratio, the Abaqus/CEL was 

20% lower in the healthy state and 16% lower in the diseased state.  

Table 6.1 Comparison of results for healthy and stenosed valves reported by Amindari et al. 

(2017) with the Abaqus/CEL model  

  

Young's 

Modulus 

(MPa) 

Maximum Jet 

Velocity (m/s) 

Maximum 

Transvalvular 

Pressure Gradient 

(MPa) 

Maximum 

Orifice Diameter 

(mm) 

Maximum 

Opening ratio 

    Amindari CEL Amindari CEL Amindari CEL Amindari CEL 

Healthy 2 1.57 1.75 633 1,087 14 11.6 70% 56% 

Diseased 20 2.38 2.48 2559 3,078 9 7.9 45% 38% 

 

The velocity flow profiles for each valve in the healthy and diseased state are shown in Figure 

6.16. The opening ratio is restricted as stiffening of the valve is increased, and increased jet 

velocities develop.  
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Figure 6.16 Velocity contour plots showing maximum opening diameter and maximum 

opening ratio for healthy and diseased valves 

 

6.3.3 Measurement of Hydrodynamic Parameters 

Having established the Abaqus/CEL method’s ability to reproduce realistic deformation in an 

experimental leaflet, with comparable results to previous FSI studies in 2D leaflets, the model 

was then used to investigate its potential to measure the hydrodynamic parameters described 

in ISO 5840 standard for AVRs (which typically require in vitro pulsatile flow rigs). The 

following pressure and flow profiles were measured for the healthy and stenosed 2D valve 

simulations, shown in Figure 6.17.  
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Figure 6.17 Transvalvular pressure profiles for 2D Abaqus/CEL simulations of healthy and 

diseased aortic valves 

From these pressure and flow measurements, the Qrms, transvalvular ΔP and EOA could be 

measured, as shown in Table 6.2. The transvalvular ΔP increased by 89% from the normal to 

diseased state, while the EOA reduced by 32% from the normal to diseased state.  

Table 6.2 Hydrodynamic Parameters for healthy and diseased valves obtained from Abaqus 

Abaqus/CEL models 

  

Young's 

Modulus 

(MPa) 

Transvalvular 

ΔP (mmHg) 

Effective 

Orifice 

Area (cm2) 

Healthy 2 4.95 1.18 

Diseased 20 9.38 0.8 

 

6.4 Discussion 

In this study, the potential of Abaqus/CEL to be used to conduct in silico bench testing of aortic 

valves according to ISO 5840 was investigated. An in vitro flow rig was designed and 

manufactured to provide an initial benchmark of polymer leaflet deformation under 2D fluid 

flow, with predictions of the FSI model matching the predicted steady-state deformation and 

kinematics of this leaflet under flow. The model was extended to consider a 2D aortic valve 

simulation and compared to previous work of Amindari et al. (2017). Through this approach, 
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the Abaqus/CEL method produced comparable results to this ALE method. By evaluating 

pressure and flow parameters across the model, the ISO 5840 hydrodynamic parameters used 

for heart valve design could be determined, outlining the potential for this approach to be used 

for in silico design of AVRs.  

While many FSI models have been proposed, very few have undergone robust experimental 

validation. Generally, studies that have presented validated models have tended to use bulk 

measurements of valve opening area or valve leaflet deformation (Gharaie et al., 2018; Ghosh 

et al., 2018). Few studies, if any, have examined the kinematics of a single leaflet under flow. 

In this chapter, a novel experimental rig was developed that allowed for the observation of a 

flexible leaflet deformation under 2D steady flow. The design of the rig was carefully 

considered by using CFD simulations to ensure the resulting flow profile followed rectangular 

channel flow conditions and that the region of interest was free of entrance effects. With these 

results, the flow rig was manufactured and the deformation of a polymer leaflet was 

investigated under steady-flow conditions. Under these conditions, it was found that the 

Abaqus/CEL approach predicted similar leaflet deformation once both systems had reached 

steady-state conditions. However, it is important to note that the ISO 5840 parameter of EOA 

is evaluated over the duration of the systolic cycle, and thus would require validation activities 

throughout the opening period of a valve. This study represents the first verification of the 

Abaqus/CEL approach in such a flow-based problem and highlighted its potential to be used 

to investigate the fluid and structural biomechanics of AVRs. Furthermore, this study is one of 

the first to provide a direct comparison between FSI simulations and experimental deformation 

of a single valve leaflet, as the majority of other validation approaches have investigated overall 

valve performance and focussed on metrics such as GOA (Gharaie et al., 2018; Luraghi et al., 

2017). The experimental approach that has been developed here has the potential to be more 
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widely used as a first-step validation to FSI simulations and has already been used elsewhere 

to provide validation to other FSI simulations (Mcloone et al., 2021). 

To investigate the potential of Abaqus/CEL method for in silico bench testing, the model was 

extended to consider 2D valve simulations and compared to the previous work of Amindari et 

al. (2017), which used a coupled FSI simulation developed in the ALE method. This approach 

required both fluid and solid domains to conform to one another and can present certain 

challenges in modelling the full systolic opening of AVRs, as demonstrated by Bavo et al. 

(2016).  The Abaqus/CEL method showed comparable performance to the study of Amandari 

et al. (2017), and captured similar relative reductions in performance between the healthy and 

diseased valves. However, certain differences were observed, in particular the predicted jet 

velocity and maximum TPG by the Abaqus/CEL approach were higher than Amindari et al. 

(2017), while the maximum orifice diameter and opening ratios were also lower using the 

Abaqus/CEL approach.  However, this study demonstrated the ability of the Abaqus/CEL 

approach to generate and extract the ISO 5840 hydrodynamic parameters of transvalvular and 

EOA. While validation of these parameters is more difficult, clear differences between the 

healthy and diseased valve were observed in the parameter study undertaken. Here, increases 

in transvalvular ΔP, and a reduction in EOA were evident in the simulations of the stiffened 

valve, as would be expected.  Being able to measure the ISO 5840 standard parameters, this 

study shows the potential of Abaqus/CEL to be used in 3D valve models. This is relevant as 

the design and manufacture of heart valve replacement is a long process. Trial-and-error 

prototyping, followed by extensive in vitro testing is time intensive. The development of FSI 

methods that could replicate the in vitro pulsatile flow rigs would be of great benefit and could 

compare valve designs early in the development process.  

Other limitations of the 2D Abaqus/CEL approach presented here include that only the systolic 

phase is considered. As has been previously documented for other FSI approaches (Bavo et al., 
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2016), 2D representations of the aortic valve tend to result in leaflet inversion when diastolic 

conditions are predicted. For that reason, this study therefore only focused on the systolic 

period of the valve and measured the systolic parameters. The Abaqus/CEL method was also 

shown to be capable of measuring bulk parameters but was limited in its ability to maintain a 

constant fluid volume in the domain. The initial definition of the VOF saw regions of void form 

at the systolic sides of the leaflets as the simulation progressed throughout systole. This is a 

significant limitation as it does not allow for measurement of velocity profiles or pressures in 

the sinus. Rather, the jet velocity profile remained intact as it emerged from the leaflets, 

allowing for measurement of the EOA and TPG, as well as deformation metrics. However, the 

models still provided reasonable predictions of valve performance and the study included one 

of the first initial validations for leaflet deformation. The results here suggest that the model 

can be extended to 3D to investigate the performance of realistic AVRs, and potentially paves 

the way for in silico bench testing of these devices once an appropriate validation strategy is 

used. This is the subject of Chapter 7, where an in vitro study of a tricuspid and bicuspid valve 

is recreated using a 3D FSI simulation in Abaqus/CEL. 

6.5 Conclusions 

In this chapter, an experimental flow rig was developed to compare the deformation of a 

flexible leaflet under flow with 2D FSI simulations using the Abaqus/CEL method, with the 

intention to use the work as a basis for more complicated 3D models. The comparison of leaflet 

deformation showed good agreement. Furthermore, the Abaqus/CEL method was then used to 

recreate 2D valve simulations from the literature which again gave comparable results. The 

results of this chapter indicate that the method is suitable for further development of the 3D 

valve models, which is addressed in Chapter 7.  
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CHAPTER 7  

3D Fluid-Structure Interaction 

Modelling of Bicuspid and Tricuspid 

Aortic Valve Hydrodynamic 

Performance  

 

7.1 Introduction 

In Chapter 6, it was demonstrated that the Abaqus Coupled Eulerian Lagrangian (CEL) method 

offers the potential to conduct in silico bench testing using a 2D representation of valve leaflets 

and an aortic root. However, this 2D model did not account for the tri-leaflet arrangement of 

the valve or the geometrical profile of the leaflet cusps, and thus cannot describe a realistic 

deformation of the leaflets. Furthermore, it has been shown that 2D valve fluid-structure 

interaction (FSI) simulations are unable to predict diastolic pressure conditions as the 2D 

geometry results in inversion of the 2D leaflet cusps (Amindari et al., 2017; Bavo et al., 2016).  

In Chapters 4 and 5, 3D finite element-based models were used to enable surrogate predictions 

of in vitro hydrodynamic performance of tri-leaflet aortic valve implants by using the 



Chapter 7 

 

 

183 

 

Windkessel and Bernoulli models to generate pressure-based boundary conditions representing 

the effect of the fluid domain on the valve. While these provided insight into several key 

metrics of valvular performance, the results generally predicted uniform deformation of the 

valve, which tends to be an unrealistic representation of the leaflet deformation (Luraghi et al., 

2017). To fully represent more complex valve deformation, a 3D simulation of the interaction 

between fluid and structural components of the aortic valve is required. 

Several 3D FSI frameworks have previously been implemented to predict the fluid and 

structural performance of aortic valve replacements (AVRs). These have simulated valvular 

flow through the aorta (Kandail et al., 2018) or have replicated in vitro experimental set-ups 

(Gharaie et al., 2018; Ghosh et al., 2018). These models have predicted overall deformation 

and leaflet kinematics in the valve, as well as velocity and pressure profiles, wall shear stresses 

at the leaflet-wall-blood boundary (Kandail et al., 2018) and blood flow vortices (Gharaie et 

al., 2018) in the fluid domain. However, during the valve development process, the performance 

of an AVR in relation to the ISO 5840 standard is of particular interest. Specifically, the 

performance of prototype valves in the context of the ISO 5840 requires benchtop evaluation 

of effective orifice area (EOA), regurgitant fraction (RF) and transvalvular pressure drop (ΔP) 

using in vitro pulsatile flow rigs (Rahmani et al., 2017, 2012; Rotman et al., 2019). Several 

authors have proposed that FSI simulations could also be used to determine these parameters 

in silico (Chen and Luo, 2018; Hsu et al., 2015; Mao et al., 2016), although few studies have 

included any comparison to in vitro experiments or in vivo data (Borowski et al., 2018; Chen 

and Luo, 2018; Flamini et al., 2016). While some studies have compared in silico predictions 

to particle integrated velocimetry (PIV) data (Abu Bakar et al., 2018) and Doppler velocimetry 

(Luraghi et al., 2019), only a limited number of studies have directly compared in silico 

predictions to ISO 5840 parameters determined from experimental testing (Ghosh et al., 2018; 

Piatti et al., 2016; Sturla et al., 2020). Ghosh et al. (2018) evaluated the performance of a 
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surgical (SAVR) and transcatheter aortic valve design (TAVR) using an Arbitrary Lagrangian 

Eulerian (ALE) approach. The in silico simulations were compared to in vitro test results 

obtained from a pulse duplicator system, where the models were found to show good qualitative 

agreement with the experiment in terms of both GOA and valve deformation. Furthermore, the 

EOA was evaluated and found to be within 15% of the value determined in vitro.  This approach 

offers excellent potential in valve design and could enable the development of virtual 

prototyping during the development phase. However, the ALE FSI model framework is 

computationally expensive, and typically requires an adaptive meshing algorithm to capture 

large deformation leaflet kinematics. For better computational efficiency, immersed boundary 

(IB) simulations have also been used (Flamini et al., 2015), whereby a flexible Lagrangian 

structure deforms within a fixed Eulerian mesh, similar to the Abaqus/CEL method which was 

used in Chapter 6. To the author’s knowledge, Bavo et al. (2016) presented the only 3D aortic 

valve implementation of an immersed boundary FSI model using the Abaqus/CEL approach. 

Their study investigated the differences between the Abaqus/CEL method and ALE FSI 

techniques when applied to heart valve simulations. Despite the fact that the Abaqus/CEL 

method had previously been more widely implemented in non-flow based simulations (e.g. 

orthogonal cutting, soil erosion, and high impact simulations (Ahmadzadeh et al., 2014; 

Ducobu et al., 2017, 2016; Morrison et al., 2018; Qiu et al., 2011), Bavo et al. (2016) showed 

that the method was capable of predicting flow through an aortic valve, while also predicting 

leaflet deformation and flow velocities similar to the ALE method. While it was concluded that 

the Abaqus/CEL method was better suited to modelling high-speed deformation during the 

opening systolic phase of the valve when compared with the mesh conforming ALE method, 

their study did not include any experimental component to provide validation for either model. 

To the author’s knowledge, FSI predictions of valve performance determined through the 
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Abaqus/CEL approach have never been compared to experimental tests and this limits their 

applicability in the development of such devices.  

In this chapter, a 3D FSI model was developed using the commercially-available Abaqus/CEL 

method. The study examines the potential of the FSI method to predict hydrodynamic 

performance of AVRs by comparing results directly with in vitro data from experimental 

testing using a pulsatile flow rig. This study is unique to the existing literature in that it includes 

an in-depth comparison between in silico predictions and in vitro flow measurements on both 

a tricuspid and bicuspid valve configuration.  The FSI method was evaluated for its capability 

to measure the ISO 5840 required parameters of EOA and transvalvular ΔP. 

7.2 Materials and Methods 

7.2.1 Aortic Valve Design 

A surgical AVR was designed and manufactured from a synthetic polyurethane elastomer 

variant, developed at the University of Galway. This design was identical to those used in 

Chapters 4 and 5 and featured a common tri-leaflet design with an internal orifice diameter of 

23 mm (±0.2 mm), an embedded steel wire frame to provide radial reinforcement, and a 

skirt/suture ring around the basal circumference to enable mounting during in vitro testing, as 

shown in Figure 7.1. For the bicuspid version of the valve, cyanoacrylate was applied between 

two of the leaflets to enforce cohesion and constrain their movement.  
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Figure 7.1 (a) Valve Geometry showing tricuspid valve and highlights region for cohesion in 

the bicuspid version. (b) 3D geometry of the valve leaflets showing location of bicuspid 

nodes. 

 

7.2.2 In Vitro Hydrodynamic Testing 

To evaluate the hydrodynamic performance of the tricuspid and bicuspid valves, in vitro bench 

testing was performed using a Vivitro Pulse Duplicator (Vivitro Labs, Inc. Victoria, B.C.) 

according to ISO 5840. Testing consisted of the valves being sealed in a mounting ring and 

placed in the aortic position between the ventricular sac and aorta of the flow rig, as described 

in Chapters 4 and 5 and shown in Figure 7.2a. The flow rig was filled with 0.9% NaCl solution 

at room temperature (≈20 °C). High-speed images were captured using a Sony RX100 Mark 

IV camera at a frame rate of 1000 fps to visualise open and closing configurations of valves 

during testing. Vivitest software (Vivitro Labs, Inc. Victoria, B.C.) recorded pressure and flow 

measurements over 10 consecutive cycles, which were used to calculate several hydrodynamic 

parameters, namely the EOA, RF and transvalvular ΔP, as shown in Figure 7.2b. To compare 

the performance of the bicuspid and tricuspid aortic valve, each valve was tested at 4 L/min 

Cardiac Output with a MAP of 100 mmHg.  
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Figure 7.2 (a) Schematic of Vivitro Left Heart Simulator with pressure transducers and a 

flow probe which was used to carry out in vitro hydrodynamic testing, (b) a typical diagram 

of average flow measurements, aortic and ventricular pressures measured over 10 cardiac 

cycles 

7.2.3 FSI Model Formulation 

An FSI model of the AVR devices undergoing pulsatile testing was developed in Abaqus/CEL. 

The geometry of the FSI model was based on the Vivitro pulse duplicator flow rig. Here, the 

aortic valve was housed below the aortic pressure transducer and outflow tract, while above 

the ventricular sac were the flow probe and pressure transducer (see Figure 7.3a). For the FSI 

model, this section was modelled as the region of interest and a fluid domain of length 30 mm 

and diameter of 20 mm was considered (see Figure 7.3b). This meant that the overall mesh was 

limited to the width of the leaflets to reduce the computational power required to model the 

entire outflow tract. The fluid domain was meshed with 971,600 8-noded Eulerian reduced 

integration elements (EC3D8R) (see Figure 7.3c). To reduce computational time, the valve 

leaflets were scaled to twice their original thickness (t = 600 μm), which was compensated by 

reducing the Young’s modulus two-fold (E = 1.9 MPa). The leaflets were meshed with 52,380 

hexahedral 8-noded Lagrangian elements (C3D8) (see Figure 7.3c). The valve leaflets were 

modelled independently of the valve skirt and stent posts. The stent/post attachment edges of 



Chapter 7 

 

 

188 

 

the leaflets were assigned a fixed boundary condition, while the free edges of the leaflet were 

unconstrained.  

 

Figure 7.3 (a) Schematic of Vivitro Left Heart Simulator with pressure transducers and a 

flow probe which was used to carry out in vitro hydrodynamic testing, (b) Fluid domain and 

leaflets assembly showing placement of probe node (c) Eulerian fluid domain mesh (left) and 

structural Lagrangian valve leaflet mesh (right), (d) In silico applied velocity profile 

boundary condition at inlet 

The fluid domain was assigned a physiological velocity profile at the inlet as shown in Figure 

7.3d, which corresponded to a 4 L/min flow rate in the fluid domain. The outlet was assigned 

a free outflow boundary condition. The walls were assigned no-slip conditions, while the 

contact between the fluid and leaflets was modelled using the default penalty contact method. 

A probe node was defined just below the aortic valve to measure the resulting pressure and 

flow. An equation of state, the Us - Up formulation, was used to model the fluid in the Eulerian 

domain and is given by: 

𝑈𝑠 =  𝐶0 + 𝑠𝑈𝑝 (7.1) 
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Where Us is the linear shock velocity, Up is the particle velocity, C0 is the speed of sound in 

the fluid, and s is a parameter of the approximation. To examine the change in response from 

thickening the leaflets, structural simulations comparing the 300 μm and 600 μm thick leaflets 

at a Young’s modulus of 3.8 MPa and 1.9 MPa respectively were performed. Systolic (35 

mmHg) and Diastolic (100 mmHg) pressure loads were applied as in Chapter 5. The maximum 

Logarithmic Strain, von Mises stress and GOA were compared across each valve and Cardiac 

Phase. Figure 7.4 shows the von Mises stress for each condition. The change from 300μm to 

600μm leaflets in diastole resulted in a 19% increase in Logarithmic Strain, and a 40% decrease 

in von Mises Stress. In systole, the changes resulted in a 10% decrease in Logarithmic Strain, 

and a 47% decrease in von Mises Stress. Looking at the GOA in Systole, there was a slight 

drop of 5% from the 300 μm leaflets to the 600 μm leaflets. These results highlighted the 

difference in stress and strain response from changing the modulus and thickness of the leaflets, 

while showing that the GOA at systole remained representative.  

Table 7.1 Max Principal Stress and Logarithmic Strain for 300μm and 600μm leaflets in 

Diastolic and Systolic Conditions 

Leaflet 

Thickness 

Young's 

Modulus 

Cardiac 

Phase 

Logarithmic 

Strain 

von 

Mises 

Stress 

Geometric 

Orifice 

Area 

μm MPa  % MPa mm2 

300 3.8 
Diastole 0.139 0.528 N/A 

Systole 0.414 1.681 175.01 

600 1.9 
Diastole 0.166 0.318 N/A 

Systole 0.373 0.897 167.11 
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Figure 7.4 von Mises stress contour plot (MPa) for 300 μm and 600 μm thick leaflets in 

Diastolic and Systolic conditions 

7.2.4 Hydrodynamic Parameters 

The FSI model was used to evaluate both the EOA and the transvalvular ΔP, through the use 

of virtual probes that determined the velocity and pressure at specific points in the model. These 

measurements were taken at the same locations as those taken in the pulsatile flow rig itself. 

Again, the EOA was defined as the minimal cross-sectional area of the jet formed downstream 

of the aortic valve (Akins et al., 2008; Garcia and Kadem, 2006) and was calculated for both 

using the Gorlin Formula (Gorlin and Gorlin, 1951) given by,  

𝐸𝑂𝐴 =  
𝑄𝑅𝑀𝑆

51.6√
∆𝑃
𝜌

    (7.2)
 

where 𝑄𝑅𝑀𝑆 is the root mean squared forward flow (ml/sec), ∆𝑃 is the mean transvalvular 

pressure drop (mmHg) and 𝜌 is the density of the test fluid (g/cm3). The 𝑄𝑅𝑀𝑆 is calculated by:  

𝑄𝑅𝑀𝑆 =  √
∫ 𝑄(𝑡)2𝑑𝑡

𝑡2

𝑡1

𝑡2 − 𝑡1
 (7.3) 
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The transvalvular ΔP, refers to the pressure gradient across the valve during systole where the 

ventricles contract ejecting blood into the aorta and pulmonary artery. It was calculated as the 

mean pressure difference between the start and end of the systole positive pressure drop. 

7.3 Results 

7.3.1 In Vitro and In Silico Comparison  

In vitro hydrodynamic testing of both a tricuspid and bicuspid valve was carried out using the 

Vivitro pulsatile flow rig (ViVitro Labs, Inc., Victoria, BC, Canada). The aortic and ventricular 

pressure and flow profiles for each valve are shown in Figure 7.5. These results show that the 

bicuspid valve exhibits a larger transvalvular pressure drop than the tricuspid valve. This is 

evident from the high ventricular pressure during the systolic period with forward flow rate.  

 

Figure 7.5 In vitro hydrodynamic pressure and flow profiles for the Tricuspid and Bicuspid 

valve, where AO is the aortic pressure and VE is the ventricular pressure 

The in vitro deformation of the valve at peak systole is shown in Figure 7.6a. Here, the three 

tricuspid leaflets can be seen to extend open, in contrast to the bicuspid valve where the 

artificial raphe between two of the leaflets results in a much smaller orifice. The transition of 

the valve from closed to open at the start of systole is shown in Figure 7.6a. Here, both valves 

open rapidly over a period of 0.02s. Also shown in Figure 7.6a is the predicted in silico 

deformation of the valves. Here, there is qualitatively good agreement between the opening 
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profiles comparing the in vitro and in silico tests. In particular, the in silico model captures 

asymmetric opening for the tricuspid valve, with some oscillation of the leaflets evident, similar 

to what was observed in vitro (see Figure 7.6a). For both in vitro and in silico deformations, 

the bicuspid valve has an eccentric opening profile, and a smaller geometric orifice area 

(GOA). Comparing performance quantitatively, Figure 7.6b shows a graph of the measured 

GOA from both the in silico and in vitro simulations. The in silico model closely predicts the 

maximum GOA for both bicuspid and tricuspid valves over the course of the opening systolic 

phase. Here, it is also evident that there is greater oscillation of the valve GOA in the 

experimental test over the course of the cycle, particularly for the tricuspid valve. While the in 

silico model captures oscillation in the leaflets when open, it seems the GOA more steadily 

increases during the opening systolic phase.  
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Figure 7.6 (a) Valve deformation at 0 – 0.05s (normalised to start of opening) for bicuspid 

and tricuspid valves. (b) GOA over time for the in silico and in vitro bicuspid and tricuspid 

experiments 

7.3.2 In Silico Hydrodynamic Testing 

The measured values of EOA and transvalvular ΔP for the in vitro experiments and in silico 

simulations are shown in Table 7.2. Here, the in silico measurements of these ISO parameters 

are taken by virtual probe nodes at the relevant locations in the model. Both in silico and in 

vitro approaches predict a substantially higher transvalvular ΔP for the bicuspid valve, with a 

5% difference in predictions. Similarly, both approaches predict lower EOAs for the bicuspid 
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valve, with a 3% difference in predictions for the bicuspid case. However, there is a greater 

difference between in vitro and in silico predictions for transvalvular ΔP and EOA in the 

tricuspid case. Here, the in silico prediction for transvalvular ΔP was ~80% higher compared 

with the in vitro test, while the predicted EOA was 33% lower than the experimental value.  

Table 7.2 Hydrodynamic performance parameters for bicuspid and tricuspid valves 

 

Valve 

Transvalvular 

Pressure Drop ΔP 

(mmHg) 

Effective Orifice 

Area (cm2) 

  In Vitro In Silico In Vitro In Silico 

Bicuspid 55.8 58.8 0.747 0.77 

Tricuspid 16.2 29.8 1.5 1 

 

7.3.3 Fluid and Structural In Silico Results  

The FSI simulations provided results for both fluid and structural components of the valves 

being tested. Figure 7.7 shows the velocity flow profiles throughout systole for both the 

bicuspid and tricuspid valves. Here, higher velocities were observed through the bicuspid 

valve, where free deformation was confined to one leaflet cusp. The bicuspid valve shows an 

eccentric velocity profile, emerging away from the centre of the valve and to the side where 

the orifice can open. The tricuspid valve features a velocity profile that oscillates around the 

centre of the orifice. 
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Figure 7.7 Velocity flow profiles with valve deformation at time-points spanning 0 – 0.11s 

 for bicuspid (top) and tricuspid (bottom) valves 
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The valve von Mises stress distribution with valve deformation is plotted in Figure 7.8a. The 

bicuspid valve showed higher stress in the one unconstrained leaflet. The tricuspid valve in 

contrast had the stress distributed evenly throughout the three leaflets. A violin plot in Figure 

7.8b describes the distribution of the stress, where the peak and median von Mises stress at 

systole are higher in the bicuspid valve compared to the tricuspid valve.  

 

Figure 7.8 (a) von Mises Stress (MPa) Contour plots with valve deformation at time-points 

spanning 0 – 0.11s for bicuspid (top) and tricuspid (bottom) valves (b) Violin plot of the von 

Mises stress at 0.11s across the bicuspid and tricuspid valves 
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7.4 Discussion 

In this chapter, a 3D FSI model was developed using the commercially-available Abaqus/CEL 

method to examine the potential of FSI to predict hydrodynamic performance of replacement 

heart valves. This study provides an in-depth comparison between in silico predictions and in 

vitro flow measurements on both a tricuspid and bicuspid valve configuration in the context of 

the ISO 5840 standard. It was found that the FSI simulations could capture qualitative and 

quantitative features of valve deformation, with the in silico models closely predicting 

maximum GOAs in both valve configurations. Comparing the predictions of ISO 5840 

parameters, the in silico model captured the distinct performance differences between bicuspid 

and tricuspid valves and provided a close match for EOA and transvalvular ΔP for the bicuspid 

valve. However, the in silico model did not provide accurate predictions for EOA and 

transvalvular ΔP for the tricuspid valve. This study has important implications for wider FSI 

simulations in the aortic field, as it suggests that validation of models by examining GOA in 

isolation may not be sufficient.  

A wide range of 3D FSI frameworks have been implemented to predict the fluid and structural 

performance of AVRs. While several authors have proposed that FSI simulations could also be 

used for in silico bench testing to enable predictions of ISO 5840 parameters (Chen and Luo, 

2018; Hsu et al., 2015; Mao et al., 2016), few studies have included any comparison to in vitro 

experiments or in vivo data (Borowski et al., 2018; Chen and Luo, 2018; Flamini et al., 2016). 

This study investigated the potential of the Abaqus/CEL method to predict performance metrics 

of EOA and ΔP, as well as comparing the GOA and leaflet motion. Many other studies have 

compared FSI predictions to experimental leaflet kinematics and opening configurations. In 

many cases, this has been done somewhat qualitatively where side-by-side comparisons of 

valve deformation are compared (Gharaie et al., 2018), or in other cases the maximum GOA 

between model and experiment are compared as a validation step. Similarly, this study 
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demonstrated that the in silico models could closely predict the maximum GOAs in both valve 

configurations, however, the in silico models demonstrated that the GOA over the course of 

the pressure cycle were not in agreement throughout, particularly for the tricuspid case. As a 

consequence of this, the predicted EOA for the tricuspid case was much lower than what was 

measured experimentally. For in vitro testing, the measured EOA is determined based on the 

Gorlin formula, which uses the ratio of flow rate to transvalvular ΔP (Gorlin and Gorlin, 1951) 

averaged over the cardiac cycle. This raises an important issue in the context of validation of 

FSI simulations for aortic valve design, in that EOA measured according to the context of ISO 

5840 is evaluated over the course of the entire pressure cycle. Therefore, validation activities 

for aortic valves cannot be based on a single time-point or based on a peak value (e.g. GOA), 

but instead should consider the overall valve performance during the opening systolic step. 

Despite this, while the predicted in silico results for the tricuspid case were not in agreement 

with experiments, it is worth noting that the bicuspid configuration provided very good 

agreement with the measured experimental values, where the predicted EOA and transvalvular 

ΔP within 5% of experimental values. The bicuspid model may have provided a better 

prediction as it is a more stable configuration, having only one free leaflet, compared to three 

in the tricuspid case. This meant that during the opening systolic phase, there were fewer 

dynamic effects and less oscillation observed experimentally and computationally, making it 

easier to capture overall deformation. This perhaps provides some potential for further FSI 

studies of valves using the Abaqus/CEL method, with further model and parameters 

optimisation required for more complex tricuspid cases.  

This chapter provided a quantitative comparison of the performance of a tricuspid and bicuspid 

valve using both in vitro hydrodynamic analysis and FSI simulations. While a polymer 

prosthetic valve was used, the study was conducted using generic tricuspid and bicuspid valve 

designs and these findings could be relevant in understanding the performance of native valves 
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and congenital or acquired bicuspid valves. Bicuspid valves are present in approximately 1-2% 

of the population worldwide (Sievers and Schmidtke, 2007) and at least a third of patients with 

bicuspid aortic valves develop pathologies such as calcific aortic valve disease, aortic stenosis 

or regurgitation (Verma and Siu, 2014). While clinical studies have established that bicuspid 

valves exhibit stenotic performance, this study provided quantitative results from in vitro 

experiments highlighting the difference in transvalvular pressure drop and EOA when 

compared with a tricuspid valve. In particular, it was demonstrated that the bicuspid valve 

showed substantially higher pressure gradients, an eccentric jet and higher jet velocities and 

reduced EOA, compared to the tricuspid. Based on the FSI approach, it was also found that this 

bicuspid configuration subjected the valves to increased levels of valvular stress. These results 

highlight the substantial alterations to valvular biomechanics in bicuspid configurations and 

provide insight into why clinical studies have shown that approximately one quarter of patients 

with a bicuspid valve presented with high jet velocities and pressure gradients, while half of 

the patients presented with aortic regurgitation (Michelena et al., 2011).   

This study has several limitations that mainly arose due to the complexity of the modelling 

framework that was implemented. Firstly, the FSI simulation did not provide an accurate 

prediction of EOA in the tricuspid case and saw distinct differences in the predicted GOA over 

the loading cycle. One reason this may have arisen is due to the immersed boundary 

formulation of the Abaqus/CEL, which utilises an initial definition of the fluid location within 

the Eulerian domain using a volume of fluid (VOF) function. Throughout the simulation, there 

were areas of large deformation and acceleration and the fluid region separated from the leaflets 

resulting in void regions. This was present behind the leaflets, while the jet velocity profile 

emerging from the valve orifice during systole remained intact, allowing for pressure and 

velocity measurements. However, this void region could have affected the predicted results 

and the feature was previously described by Bavo et al (2016). For this reason, the study did 
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not focus on diastole, which thereby means that RF was not predicted. The Abaqus/CEL 

implementation also resulted in certain imperfections near the fluid-solid boundary, which 

meant that there was little focus on parameters such as local flow velocities or wall shear stress. 

The fluid-solid boundary is implemented through the general contact algorithm in Abaqus 

Explicit. Forces are transferred at the boundaries of fluid and solid, but due to the fixed fluid 

mesh and moving Lagrangian structure, are interpolated across the elements where the 

interaction occurs. This results in a less accurate condition at the boundaries than in a flexible 

ALE mesh simulation. In addition, the Abaqus/CEL method is incapable of modelling 

turbulence, and is better suited to laminar flow, which the high velocity pulsatile flow of a heart 

valve is not. This is an obvious omission of the study and the Abaqus/CEL method. A mesh 

independence study was omitted due to the computational scale of the FSI model. Rather the 

work here has relied on the experimental comparisons to gauge the validity of the model. 

Finally, due to the computational cost, it was necessary to thicken the valve leaflets in the FSI 

simulation to achieve a larger minimum element size in the fluid domain, which is governed 

by the VOF, which requires at least 3 elements in the fluid domain across the Lagrangian 

structure. To compensate for this, the elastic modulus of the leaflet was scaled accordingly to 

provide a structure that exhibited the same axial stiffness. While this represents a simplification 

of the actual conditions, it was found that both the bicuspid and tricuspid cases showed similar 

leaflet deformations and so this appeared to be a reasonable assumption. It is worth noting that 

many other finite element and FSI simulations on aortic valves have simplified the leaflets to 

2D shell elements, which would suffer from limitations to those in this chapter.  

7.5 Conclusions  

In this study, the Abaqus/CEL method was used to investigate its potential to model and 

evaluate the hydrodynamic performance of aortic valves. It represented the first direct 

comparison of the Abaqus/CEL method with a pulsatile flow rig for AVRs. The study 
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examined a bicuspid and tricuspid valve in silico, with an in vitro counterpart to evaluate the 

accuracy of the simulations. Hydrodynamic performance was measured in terms of EOA and 

transvalvular ∆P, while the overall leaflet deformation and GOA were also examined. It was 

found that while there was good agreement across the models and experiment for the bicuspid 

valve, there was difficulty simulating the tricuspid valve due to the highly dynamic nature of 

the unconstrained leaflets and several limitations of the method.   
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CHAPTER 8  

Concluding Remarks and Future 

Perspectives 

8.1 Summary of Key Contributions 

Over 300,000 aortic valve replacement (AVR) procedures are performed in the developed 

world each year (Manji et al., 2012). The complex function of the aortic valve results in 

difficulties designing AVRs, with significant amounts of trial-and-error prototyping and 

extensive experimental testing required to evaluate their performance. Computational 

simulations have the potential to streamline the development process, although there are still 

key issues in the implementation and validation of modelling approaches. These need to be 

addressed to ensure robust predictions of both structural and hydrodynamic performance of 

AVRs.  

The overall contribution of this thesis has been to develop several in silico modelling 

frameworks to predict both the structural and hydrodynamic performance of polymer-based 

AVRs. Firstly, a finite element analysis (FEA) approach was developed that enabled 

predictions of the hydrodynamic performance of AVRs, which had the potential to streamline 

the design process of these devices. Furthermore, both 2D and 3D fluid-structure interaction 
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(FSI) models were developed to provide structural and hydrodynamic insight into AVRs, which 

could be utilised for in silico bench testing. Throughout each study, detailed experimental 

testing was carried out in parallel with all model development to provide relevant model input 

data and serve as a means for verification and validation of models that were developed. The 

key scientific contributions were to provide detailed insight into how asymmetric and non-

uniform calcification affected valvular performance, while also providing insight into the 

relative differences in valvular performance between bicuspid and tricuspid valve 

configurations. The thesis also highlighted the distinct challenges in validating FSI-based 

models of structural and hydrodynamic performance of AVRs, while providing much-needed 

experimental data to this community.  

In Chapter 4, an experimental investigation into the in silico modelling of aortic valves was 

performed with extensive in vitro comparisons. It was demonstrated through in silico modelling 

that finite element simulations could predict several surrogate measures for bulk hydrodynamic 

performance of aortic valves (Whiting et al., 2022). The proposed measures were in silico 

geometric orifice area (GOA), leaflet contact area (LCA) and pressure at 40% opening 

(POA40%), which were proposed as surrogate measures for effective orifice area (EOA), 

regurgitant fraction (RF) and transvalvular pressure (ΔP) respectively. This was the first study 

to directly compare these in silico parameters with their in vitro counterparts through an 

extensive study and regression analysis, contributing to the scientific knowledge for design of 

aortic valves. It was shown that the in silico testing framework developed provided insight into 

both structural and hemodynamic performance of aortic valve designs, finding Valve A and B 

to produce comparable results, while Valve C had increased EOA but with increased RF. 

Furthermore, it was shown through in vitro hydrodynamic testing that all 23 mm polymer valve 

prototypes tested met the minimum requirements of 1.25cm2 for EOA set out by ISO 5840, 

while Valve C was the only valve to fail the requirement of ≤10% RF.   
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Following on from the work of the previous chapter, in Chapter 5, an in silico framework 

demonstrated the ability of structural finite element modelling to investigate the effects of 

increasing calcification on the degeneration of hydrodynamic performance of the aortic valve. 

Specific calcification scenarios, asymmetric or symmetric, and regional calcification were 

investigated. These results clearly demonstrated that hydrodynamic performance is negatively 

impacted with increasing calcification for all scenarios considered. It was found that the more 

asymmetric the calcification coverage, the more detrimental this was to valve systolic GOA. 

In contrast however, symmetric calcification was actually more detrimental to transvalvular 

pressure, diastolic GOA and LCA than asymmetric patterns. For highly unsymmetric patterns, 

where calcification was confined to one leaflet, it was found that non-calcified leaflets would 

conform to the disabled leaflet, resulting in reasonably adequate diastolic conditions. The 

results of this study demonstrated that this in silico testing framework could provide insight 

into the effects of calcification or stiffening on the hydrodynamic performance of native or 

prosthetic aortic valves.  

Having expanded on the ability of structural FEA to assess the hydrodynamic performance of 

the valve, the thesis then looked to the development of fully coupled FSI simulations. While 

many FSI models have been proposed, very few have undergone robust experimental 

validation. Chapter 6 presented the development of a benchmarking flow rig for validation of 

an immersed boundary FSI method. In this chapter, a novel experimental rig was developed 

that allowed for the observation of a flexible leaflet deformation under 2D steady flow. This 

study was used to provide the first verification of the Abaqus Coupled Eulerian Lagrangian 

(CEL) approach in such a flow-based problem and highlighted its potential to be used to 

investigate the fluid and structural biomechanics of AVRs. Furthermore, this study is one of 

the first to provide a direct comparison between FSI simulations and experimental deformation 

of a single valve leaflet. This experimental approach has the potential to be more widely used 
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as a first-step validation to FSI simulations and has already been implemented to provide 

validation to other FSI simulations (Mcloone et al., 2021). A further comparison of the 

Abaqus/CEL model with Arbitrary Lagrangian Eulerian (ALE) 2D valve models from the 

literature (Amindari et al., 2017) was carried out, showcasing the ability of the method to 

observe differences in performance of valves in healthy or diseased states.  

Chapter 7 directly follows on from the preliminary models of Chapter 6 to develop three-

dimensional models of the aortic valve using the Abaqus/CEL FSI method. Two valve 

configurations, a bicuspid and tricuspid valve, were simulated and compared to in vitro testing 

in a Vivitro pulse duplicator system. The Abaqus/CEL model was capable of predicting a 

difference in the hydrodynamic performance between the two valves, but was not ideal for the 

highly turbulent flow simulation, lacking accuracy with separation of fluid from structure. This 

study represented the first direct comparison of the Abaqus/CEL method with a pulsatile flow 

rig for heart valve application and highlighted the challenges with validating such a complex 

FSI model. Nevertheless, this study provided quantitative insight into the structural and 

hydrodynamic performance of both bicuspid and tricuspid valve configurations. 

8.2 Future Recommendations 

The work presented in this thesis has addressed several key topics in relation to aortic valve 

replacements and the in silico modelling that is used to aid the design and development of these 

devices. This section provides a discussion of future perspectives. 

The computational framework developed in Chapter 4 demonstrated the potential of structural 

FEA modelling to predict surrogate hydrodynamic performance of tri-leaflet polymer-based 

AVRs. While this model was used in Chapter 5 to investigate the effect of non-uniform 

calcification on hydrodynamic performance, the methodology could be more widely applied to 

investigate other design aspects of tri-leaflet AVRs. Due to the efficiency of the method, a 
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design of experiments and/or design optimisation strategy could be used to maximise/minimise 

several of the objective functions related to hydrodynamic and structural performance of the 

valve. Furthermore, while the valves considered in the study were surgical AVRs, it is expected 

that the same methodology could be also be applied to transcatheter AVRs. As these are more 

susceptible to eccentricity upon implantation, it would be of significant interest to investigate 

how valve eccentricity affects the surrogate hydrodynamic parameters under such a deformed 

configuration. Finally, it should also be noted that the surrogate parameters in Chapter 4 were 

validated based on hydrodynamic testing of several tri-leaflet polymer valve designs. To 

increase the credibility of this model, and make it more widely applicable, further valve types 

and cases could be included as additional validation for this approach.  

This thesis presented one of the first 2D benchmark problems for leaflet deformation in Chapter 

6 and showed that the Abaqus/CEL approach was generally able to predict both the structural 

and hydrodynamic characteristics of this problem in Chapter 6. However, the extension of the 

model to three dimensions in Chapter 7 led to several challenges in the implementation and 

validation of this Abaqus/CEL approach. In particular, the computational cost involved 

required simplifications to the geometry such that only the leaflets themselves were considered, 

with these being thickened to reduce the need for a highly resolved mesh at the fluid solid 

interface. While this configuration still predicted leaflet deformations that were similar to those 

in the experimental flow rig, the hydrodynamic parameter determined through the 

computational and experimental approaches were not quite comparable. Therefore, there is 

certainly room for further model development using this approach. In fact, the results of this 

chapter highlighted that individual measurements of geometric features at individual time-

points may not be sufficient to validate the performance of such models, which has important 

implications for the wider fields. During the course of this project, guidance has been published 

by the ASME through the V&V40 standard (American Society of Mechanical Engineers, 
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2018), which provides a risk-informed credibility assessment framework to guide the 

development of requirements for computational modelling of medical devices. A key part of 

this is model verification, which requires a detailed investigation of model parameters (e.g. 

numerical and material) to understand the level of sensitivity in the model predictions to 

selection of parameters. Due to the substantial complexity of FSI models, and in some cases 

the lack of availability of open-source code information, detailed verification of models would 

be extremely useful. Beyond this, the process of validation is also described by the V&V40 

standard, whereby additional evidence from in vitro testing and any other supporting pertinent 

information could be used to assess the level of model credibility, according to a set of 

prescribed credibility factors.  

Finally, the experimental components of this study used prototype polymer valves that were 

manufactured in-house with a novel polymer that is currently being used as a basis for a newly 

developed AVR. The in vitro hydrodynamic testing in Chapter 4 showed that all three 23 mm 

valves meet the minimum requirements for EOA set out by ISO 5840, which is greater than or 

equal to 1.25 cm2 at 5 L/min (International Organisation for Standardisation, 2021). While the 

valves tested were surgical in nature, the development of a TAVR that utilises a suitable 

polymer is in the near future. Several groups discussed in the literature have developed and 

tested promising designs such as the Foldax and TRISKELE valves (Kereiakes et al., 2021; 

Rahmani et al., 2016). The future direction for heart valves could very quickly be directed to 

this area should an easily manufacturable and cost-effective polymer solution come to market. 

The modelling could then shift from valve design to polymer durability and fatigue life under 

different conditions.  
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