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Abstract 

Aortic Stenosis (AS) is a common valve disease, defined as the narrowing of the aortic 

valve. AS usually occurs together with other vascular and ventricular diseases; leads to 

insufficient blood supply to the body and adds stress on the heart. This study aims to 

investigate the impact of hemodynamic parameters on a stenotic aortic valve. Experiments 

were carried out in a cardiovascular simulator to replicate different physiological 

conditions. One aortic valve geometry was developed using computed tomography images, 

with four hypotheticals thicknesses: 0.3, 0.6, 0.8, and 1.0 mm. A physiological (non patient 

-specific) left ventricle volume waveform was applied as the input, and the valves were 

tested in different physiological conditions to investigate the impact of different parameters 

on the aortic stenosis.  

The effect of artery constriction on AS was evaluated by measuring pressure and flow rate 

and calculating Effective Orifice Area (EOA) and left ventricle (LV) workload. It was 

observed that a 49% increase in the Systemic Vascular Resistance (SVR) brings about a 

27% reduction in EOA and a 79% increase in left ventricle workload. The coexistence of 

AS and left ventricle disorder in providing sufficient stroke volume reduces the valve 

opening area. Experimental results show a 30.5% (0.36–0.25 cm2) reduction in EOA when 

the stroke volume decreases by 50% (60-30 ml). A thicker valve with a higher resistance 

in turn decreased the EOA and increased the left ventricle workload. The results depict that 

the LV workload considerably increased with the leaflet thickness (34%). EOA, on the 

other hand, significantly decreased with the thickness (46.3%). This study highlights that 

hemodynamic parameters may exacerbate the aortic valve function in patients with AS. 
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Moreover, to investigate the underlying logics of AS, other coexisting disorders need to be 

considered.   
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Chapter 1  

 

1 Introduction and Problem Statement 

1.1 Left side heart anatomy 

The cardiovascular system is responsible for distributing nutrients and oxygen to tissues in 

the body and allows for the removal of carbon dioxide and waste products. In addition to 

assistance with respiration, this system assists with other vital functions such as 

transporting immune cells for protection. The cardiovascular system consists of the heart, 

arteries, veins, capillaries and the blood that is pumped to the entire body [1]. 

The human heart is comprised of four muscular chambers, including the Left Ventricle 

(LV), Right Ventricle (RV), Left Atrium (LA), and Right Atrium (RA). A septum 

physically separates the left and right sides of the heart, and blood passes through the 

structures at different points in the cardiac cycle. The heart pumps deoxygenated blood 

from the body to the right atrium through the superior vena cava (SVC) and inferior vena 

cava (IVC). The blood is then pumped to the lungs to get reoxygenated and returns to the 

left side of the heart. The left side of the heart is responsible for pumping oxygenated blood 

to the body tissue. The heart chambers are separated by a wall of tissue, with a serosal layer 

filled with pericardial fluid and a strong fibrous layer. The structure of these separations 

allows the heart to minimize friction and optimize energy usage. Additionally, the thickness 

of these structures varies in the heart, with ventricle walls being thicker than atrial walls. 
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Moreover, the left side of the heart is larger and thicker than the right due to its function, 

as it must pump blood further around the body and with increased resistance [2]. The lungs 

play a key role in respiration, in which they exchange carbon dioxide from the heart with 

oxygen from the lungs. This allows for the pulmonary veins to transport oxygenated blood 

to the left atrium. The oxygenated blood passes the mitral (bicuspid) valve to the left 

ventricle and is pumped through the aortic valve to the body. The aorta has various branches 

allowing for the distribution of oxygenated blood to all body parts and organs. This is 

attributed to the blood circulation from the heart to the body that is called systemic 

circulation [3].  

The cardiac cycle describes the various stages of blood circulation that occur in the duration 

of one heartbeat. The cardiac cycle has two distinctive parts, a period of contraction called 

systole and a period of relaxation called diastole [4]. When ventricular pressure surpasses 

the pressure within the pulmonary artery or aorta, the blood is pushed out of the ventricular 

chamber and past the given semilunar valve (Aortic valve and pulmonary valve). During 

systole, the atrial pressure is less than ventricular pressures, causing the atrioventricular 

valves (mitral valve and tricuspid valve) to remain closed. The relaxation of ventricular 

myocytes results in a decrease in ventricular pressure, causing the atrial pressure to be 

greater in comparison. This phase is ventricular diastole, where the atrioventricular valves 

open, allowing the ventricles to refill. During diastole, the semilunar valve remains closed 

due to increased arterial pressures in the aorta and pulmonary arteries, which exceed the 

interventricular pressures [5].  
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A series of mechanical and electrical events assist in explaining blood flow during the 

cardiac cycle. Figure 1.1 displays the mechanical events of the cardiac cycle in detail. An 

Electrocardiogram (ECG) displays the electrical activity of the heart throughout the cardiac 

cycle. This is a vital tool used for diagnostic purposes, allowing for the diagnosis of various 

heart disorders. A phonocardiogram (PCG) is another useful instrument that detects the 

vibrations caused by valve closures and records heart sounds [6]. The cardiac cycle is 

divided into four phases, based on the closures of the heart valves. These phases are [7]: 

Phase l: The Filling Period – The atrioventricular valves are opened, the semilunar valves 

are closed during this phase, and the opening of the inlet valve allows for ventricular filling.  

Phase II: Isovolumetric Contraction – Both atrioventricular valves and semilunar valves are 

closed during this phase, and the pressure increases while the blood volume remains 

constant. 

Phase III: Ejection Period – The semilunar valves are opened, and the atrioventricular 

valves remain closed. Due to increased contractions, blood pressure rises during this phase.  

Phase IV: Isovolumetric Relaxation – Both atrioventricular valves and semilunar 

valves are closed, and the intraventricular pressure decreases while the blood volume 

remains constant. 

Figure 1.1 depicts the events of the cardiac cycle for the left side of the heart for two 

complete cycles. This image denotes the blood volume and pressure at certain events. The 
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pressure changes of the aorta, left ventricle, and left atrium are illustrated by the top three 

curves. The fourth curve (blue) displays the left ventricular blood volume throughout the 

cycle, the fifth curve denoted the ECG curve, and the sixth curve illustrates the PCG curve 

[7]. 

 

Figure 1.1 A demonstration of the ventricular function that includes the pressure 

variations in aorta, atrium, and ventricle, ventricle volume change, ECG and PCG [7] 

1.1.1 Left ventricle  

The structure of the left ventricle, which acts as a pump for systemic circulation, is conical 

in shape, is longer, has thicker walls (compared with the right ventricle) and has an 

anteroinferior projecting apex. The apex of the left ventricle is often located in the fifth left 

intercostal space and is the anatomical apex of the heart. This structure is separated from 
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the right ventricular apex by the interventricular septum, and it is covered by the left lung. 

The apex of the heart is often used as an entry point into the left ventricle for valvular 

therapies. This is due to the relative thinness of the myocardium at this location, allowing 

it to be used to insert devices, tubes, and electrodes. However, this increases the risk of 

perforation of the left ventricle during surgical processes. The base of the left ventricle 

begins along the atrioventricular groove to the papillary muscles within the ventricle. The 

atrioventricular groove and posterior coronary sinus superficially separate this structure 

from the left atrium. Free wall is a structure of the left ventricular wall that does not touch 

the apex or interventricular septum. The myoarchitecture of the left ventricle is from the 

atrioventricular junction to the ventriculoarterial junction. At its maximum thickness, the 

left ventricular wall is three times thicker than the right wall at around 12-15 mm. The 

myocytes of the heart chambers are arranged to create a 3D network of conjoining fibers, 

caused by the myocyte branches that adjoin neighboring myocytes (Figure 1.2) [8]. 



M.Sc. Thesis – M. Ebrahimi Dehshali; McMaster University – Mechanical Engineering 

 

6 

 

 

Figure 1.2 The heart lateral view which illustrates different parts of the left ventricle 

including the base apex, and free wall [8] (from Whiteman et al.) 

1.1.2 Heart Valves 

The aortic valve (AV) (Figure 1.3) is a semilunar valve that contains three leaflets or 

semilunar cusps. A fibrous ringed structure is implanted in the intraventricular septum and 

attaches the valve cusps together. The leaflets of the AV are bordered with endothelial cells 

and contain a “dense collagenous core adjacent to the high-pressure aortic side” [9]. Fibrosa 

is the major fibrous layer of the leaflet, and it is on the adjacent side of the aorta. The 

ventricularis is the layer that conceals the ventricular side of the aortic valve. This layer 

contains elastin and collagen fibers. There is a physical separation between the aorta and 

left ventricle, being the fibrous annular ring. The superior region of this ring contains the 
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sinus of Valsalva (the aortic sinus). This structure contains three protrusions at the base of 

the aorta, and each protrusion is aligned with the specific valve leaflets [9]. 

The mitral valve (MV) is the atrioventricular valve on the left side of the heart. This 

structure helps impede blood flow backwards with its complex structure. The MV contains 

a sub-valvular apparatus which is created by chordae tendineae and papillary muscle. A 

fibrous ring called the annulus outlines the outer circumference of the valve, securing it to 

the left side of the heart. The annulus is adjacent to the AV and is continuous with aspects 

of the aortic annulus. This is a dynamic structure, as it varies in shape and diameter during 

the cardiac cycle. During ventricular systole, the annulus has a saddle shape assisting the 

closure of the valve, whereas in systole it is more circular in shape. The MV leaflets are 

attached to the annulus and are a continuous extension of tissue [10]. 
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Figure 1.3 A visual demonstration of heart valves and their respective locations [11] 

(from Mayo Clinic website) 

1.2 Aortic Valve Pathology 

1.2.1 Aortic Stenosis 

Aortic stenosis is a common disorder in which there is a blocking or narrowing of the valve 

opening. Often, this is idiopathic and leads to further degeneration and calcification of the 

valve leaflets. This condition may be inevitable for those who are born with a bicuspid 

aortic valve, which is prone to aortic stenosis. There is a lot of variation in the progression 

of this condition, and if an artificial replacement valve is not employed, almost 75% of the 

patients die within three years [12]. 
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The aortic valve area (AVA) and the pressure gradients (PG) between the aorta and left 

ventricle are used to measure the severity of aortic stenosis. Following the calculations of 

these metrics, stenosis can be classified as mild, moderate, severe, or critical [13]. The 

hemodynamic severity of the aortic stenosis should be considered to assess the severity, 

and it does not exactly correlate with the signs and symptoms of the disease (Table 1.1). A 

classification of aortic stenosis which uses the aortic valve opening area and hemodynamic 

severity for critical cases is given by Table 1.1 as a guide to grade the AS [14]. Studies 

indicate that aortic stenosis is usually a self-maintaining and slowly progressive condition, 

however, rare cases show that mild to severe aortic stenosis can occur within a few years 

[15]. 

Table 1.1 Recommended grading for Aortic Stenosis severity [14] (from Baumgartner et 

al.) 

 Aortic 

sclerosis 

Mild Moderate Severe 

Peak velocity (m/s)  ≤ 2.5 m/s 2.6–2.9 3.0–4.0 ≥ 4.0 

Mean gradient (mmHg)  – < 20 20–40 ≥ 40 

AVA (cm2)  – > 1.5 1.0–1.5 < 1.0 

Indexed AVA (cm2/m2)  – > 0.85 0.60–0.85 < 0.6 

Velocity ratio – > 0.50 0.25–0.50 < 0.25 
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Aortic stenosis can be classified with dyspnea and symptoms of angina, heart failure and 

syncope. Additionally, the presentation of the symptoms may vary between patients and 

present more subtly or critically [16]. Aortic stenosis is attributable to the following causes 

(Figure 1.4) [17]: 

Calcific aortic stenosis  

The initial stage of aortic stenosis is like coronary artery disease, with various common risk 

factors including, age, sex, hyperlipidemia and active inflammation. It is also a common 

occurrence for an individual to develop both disorders in their lifetime. The main cause of 

calcified aortic stenosis is the accretion of solid calcium deposits on the aortic valve cusps. 

This results in the release of inotropic agents and vasodilators to increase cardiac output. 

Babies can also be born with a bicuspid aortic valve, which is more susceptible to aortic 

valve stenosis compared to tricuspid valve. In a quantitative sense, unlike diseased tricuspid 

valves which take six to eight decades to develop stenosis, stenosis in a bicuspid aortic 

valve can occur in two decades.   

Congenital aortic stenosis 

Inborn aortic stenosis is called congenital aortic stenosis and comes with different severity. 

Severe cases of congenital aortic stenosis are diagnosed and treated in the initial stages of 

life, however, there are cases where it may be undiagnosed until adulthood. This disorder 

is often characterized by a unicuspidal valve or a bicuspid valve. Children with this 

condition often dies or develop symptoms that lead to diagnosis and valve replacement. It 
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is common for asymptomatic individuals to suddenly die with this condition in comparison 

to developing heart failure or angina. This can be attributed to the increased ejection 

performance and subnormal wall stress, caused by hypertrophy that compensated for the 

increased pressure overload.  

Rheumatic valve disease  

Rheumatic fever is a rare cause of aortic stenosis in developed countries. This type of aortic 

stenosis invariably affects the mitral valve and cannot be diagnosed without an 

echocardiogram indicating mitral valve deformity. Additionally, in contrast with calcified 

aortic stenosis a commissural fusion is often present with this disorder. 

 

Figure 1.4 Normal aortic valve and different types of aortic stenosis [14] (from 

Baumgartner et al.) 
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Chapter 2  

2 Literature Review  

2.1 Cardiovascular simulators  

2.1.1 A review of cardiovascular simulators 

Since the invention of the preliminary pulse duplicators [18]–[20], many efforts have been 

made to improve their generated waveforms and applicability in cardiovascular research. 

In this part, the in vitro cardiovascular simulators are classified under three main categories 

based on the purpose of the study, which include (1) mitral valve investigation, (2) aortic 

valve and aorta investigation, and (3) left ventricle investigation. To begin, some studies 

designed in vitro cardiovascular simulators specifically for mitral valve flow investigation 

[21]–[24]. For instance, Mashari et al. [21] designed a circulation system to test a mitral 

valve that was placed between an atrial reservoir and a ventricular chamber (Figure 2.1-a). 

The left atrial reservoir was open to atmospheric pressure which provided the lower atrial 

pressure. The mitral valve was tested under different LV pressure ranges, achieved through 

a combination of springs along with an adjustable threaded screw on top of the connected 

tower [23]. The volume of the left ventricle was altered using a series of pistons powered 

by an air compressor, which simulated diastolic filling across the mitral valve. Despite its 
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potential, the in vitro cardiovascular simulator was specific to only the diastolic phase of 

the cardiac cycle, preventing the analysis of the systolic phase. Alternatively, some 

researchers have designed pulse duplicators that were limited to the investigation of the 

aortic valve and the systolic phase of the cardiac cycle [25]–[32]. For aortic valve 

investigation, an aortic valve and sinus chamber are installed into the aortic position of a 

left heart simulator. Lastly, for more general studies, the entire left ventricle, including both 

the mitral valve and aortic valve are considered in the geometry when studying flow 

hemodynamics [33]–[44]. For example, Papolla et al. [34] designed a left heart in vitro 

simulator using elastic silicone models of the LV, ascending aorta and left atrium (LA). In 

these types of in vitro cardiovascular simulators, a rigid transparent box (acrylic) is 

designed to house the silicone model of the LV. The box is coupled to a piston pump which 

translates the reciprocating motions of the piston to the contraction and expansion of the 

LV chamber [40]. In order to achieve a more physiological waveform and boundary 

condition, the LV box is coupled with a viscoelastic impedance adaptor. This device 

consists of compliance chambers and resistance to model the left ventricle impedance [45]. 

The pump is generally capable of producing both E and A waves [46], [47], however, the 

contraction and expansion of the left atrium are sometimes generated using a second active 

system. An example of a second active system includes a servomotor acting on a cam-

follower mechanism in direct contact with the LA outer surface [40].  In the study 

conducted by Papolla et al. [34], the in vitro cardiovascular simulator operated using a 

linear motor, which activated the piston to create a physiological mitral inflow which 
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included both E and A waves. They designed a mechanism to adjust the tension of chordae 

tendineae and then tested the system under various pressure and flow conditions. The use 

of a compliant left ventricle chamber provides a more accurate analysis of flow dynamics 

and their impact on  heart valves [33], [48]. Some simulators use real heart chambers and 

valves, coupled to a Windkessel system that mimics the heart hemodynamics in vitro [49], 

[50].  For instance, Leopaldi et al. [50] connected a piston pump – capable of generating 

both systolic and diastolic waveforms – to a porcine LV apex (Figure 2.1-b). This device 

was connected to a hydraulic circuit design based on a classical three lumped parameter 

model (RCR), i.e., a characteristic resistance, a capacitance, and a peripheral resistance. 

The LV chamber was modified to facilitate a sealed connection to the pulse duplication 

system and hydraulic piping system [50]. Furthermore, commercial in vitro cardiovascular 

simulators have been manufactured by several companies such as ViVitro, BDC, Archetype 

Medical Inc, and Dynatek. Although these devices offer easier control and more automated 

systems, they lack flexibility to study a range of diseases and their conditions. 

  

(a) (b) 
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Figure 2.1 (a) A cardiac simulator to test a mitral valve [21] (from Mashari et al.), (b) A 

porcine left ventricle installed in an in vitro cardiovascular simulator [50] (from Leopaldi 

et al.). 

2.1.2 Systemic circulation 

In order to develop a physiological in vitro study, the manufactured phantom must be 

installed into a circulation system which produces physiological blood flow conditions. 

Generally, a cardiovascular simulator consists of a resistance, a compliance, a ventricular 

pumping system, connecting pipes and a hydraulic system [51]. The physiological flow 

conditions generated in the in vitro circulation should be monitored at critical points along 

the system to ensure a proper waveform generation. To achieve this, the in vitro set up must 

be customized to enable specific measurement techniques that can quantify human heart 

hemodynamics and metrics, such as velocity fields and pressure variations. In vitro 

cardiovascular simulators (Pulse Duplicators) are designed to monitor flow changes at key 

points along the system and are equipped with a variety of sensors and transmitters that can 

measure pressure, flow [25], displacement [28], and force [34], [52]. The pump, piping 

system and the hydraulic elements must be chosen to replicate human flow features and 

characteristics by considering the pulsating nature of blood flow and elastic behaviour of 

the vessels. 
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2.1.2.1 Systemic vascular resistance 

Systemic vascular resistance (SVR), or total peripheral resistance (TPR), is an important 

factor for evaluating circulatory function and represents the resistance to blood flow due to 

the vasculature in systemic circulation. In left heart modeling, SVR is a key factor that must 

be considered when designing the circulation components. SVR is highly dependent on 

vessel diameter and blood viscosity within the circulatory system. Vessel diameter is 

controlled by the activity of smooth muscle found in the walls of blood vessels; contraction 

of these muscles (vasoconstriction) increases SVR, and relaxation of these muscles 

(vasodilation) decreases SVR [53].   

SVR typically ranges from 1.0 to 1.2 mmHg.s/mL [54] and , in an in vitro cardiovascular 

simulator, can be modeled by a simple hydraulic valve [55], [56], a porous medium [20], 

or a clamp. As seen in Equation 2-1, SVR can be approximated using Ohm’s Law [54], 

[57], where MAP represents the mean arterial pressure, and CO is the cardiac output [53], 

[54]. The units used in an in vitro cardiovascular simulator for resistance, pressure, and 

cardiac output are generally mmHg.min/L, mmHg and L/min, respectively. Like an 

electrical circuit, the resistances imposed by the arterial system can be arranged in series or 

in parallel. When the resistors are arranged in series, the sum of individual resistive 

components provides the total resistance. Alternatively, when the resistors are arranged in 

parallel, the sum of the reciprocals of the individual resistive components provides the total 

resistance [54], [57]. 
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𝑆𝑉𝑅 =
𝑀𝐴𝑃

𝐶𝑂
 2-1 

2.1.2.2 Systemic compliance 

Vascular compliance defines the ability of a vessel to sustain changes in blood volume and 

pressure through contraction and expansion. Compliancy is an important feature of the 

cardiovascular system as it acts as protection against dramatic rises in systolic blood 

pressure [58]. Without proper compliance, a cardiovascular system suffers from undesired 

increases in systolic blood pressure and decreases in early diastolic blood pressure [58]. 

Equation 2-2 [58] can be used to calculate arterial systemic compliance (C) in mL/mmHg, 

where ∆∀ and ∆𝑃 represent the change in arterial volume in ml and the change in arterial 

pressure in mmHg, respectively.  

For an in vitro cardiovascular simulator, arterial systemic compliance can be modeled using 

a Windkessel chamber or any elastic chamber. The Windkessel chamber is partially filled 

with a blood mimicking liquid as well as air which is compressed (during diastole) or 

expanded (during systole) to simulate the systemic compliance [54].  

𝐶 =
∆∀

∆𝑃
   2-2 

2.1.2.3 Ventricular pumping and compliance 

The heart acts as a positive displacement pump that pushes blood throughout the body with 

each expansion and contraction. The pumping action of the heart is based on a physiologic 
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waveform that follows a cyclic movement [59], [60]. In an in vitro cardiovascular 

simulator, a pump (such as a piston pump, a bladder pump, etc.) is often used to simulate 

the ventricular function of the heart, which is coupled to an elastic LV sac that is immersed 

in a box or tank (usually transparent) [61].  The displacement pump causes movement of 

the LV chamber (or sac) which generates the systolic and diastolic phases of the cardiac 

cycle. In a physiologic case, the accurate ventricular pumping action and compliance are 

achieved through the proper combination of the LV chamber, the pump configuration and 

its generated waveform [62].  

In order to duplicate the LV wall material properties and its impact on the LV pressure 

during expansion and compression, a Viscoelastic Impedance Adapter (VIA) is designed 

along with the piston pump to generate a realistic physiological pressure in the LV [63], 

[64]. The thin-walled LV responds to the expansion-contraction in a different way 

compared to the real LV. To compensate for this discrepancy, the VIA is coupled with the 

pump and LV system to simulate the ventricular distensibility [65]. In general, VIA is a 

pressure vessel partially filled with water and air, and an adjustment in the air and water 

ratio leads to a desired ventricular distensibility [66]. 

2.1.2.4 Dimensionless numbers and similarity 

To achieve an ideal physiological condition, the simulated circulatory system needs be 

dynamically similar to the human heart. The dynamic similarity of the in vitro system can 

be confirmed by checking two dimensionless numbers: Womersley number and Reynolds 
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number. The Womersley number characterizes pressure and velocity profile variations, as 

well as the pulsating nature of flow in the cardiac cycle. The Womersley number defines 

the ratio of unsteady inertial forces to viscous forces in the flow, where r represents the 

radius of the tube, 𝜔 is the angular frequency of the pulse wave (heart rate expressed in 

radians/sec), and 𝜗 is the kinematic viscosity, as shown in Equation 2-3 [67]. 

𝛼 = 𝑟√
𝜔

𝜗
   2-3 

Furthermore, the Reynolds number is used to differentiate between laminar and turbulent 

flow, where ρ, V, µ, and D represent the density, mean velocity, dynamic viscosity of the 

fluid, and the characteristics length, respectively, as shown below in Equation 2-4. 

𝑅𝑒 =
𝜌𝑉𝐷

𝜇
   2-4 

Based on this calculation, laminar flow is described by a Reynolds number below 2100, 

while a Reynolds number greater than 2100 results in a transition from laminar to the 

turbulent regime. 

2.2 Material considerations in in vitro simulations 

The 3D printed organs used in an in vitro cardiovascular simulator should exhibit material 

properties similar to human tissues. Many factors including disease states, age, position and 

orientation of tissue excisions vary from case-to-case and are heavily influential on organs’ 

material properties. The mechanical properties of cardiac tissues that must be considered 
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include consistency, elasticity, tensile strength, tear resistance and memory capacity [68], 

[69]. For instance, to properly replicate the cyclic movement of the heart overtime in an in 

vitro experiment, it is crucial to remain within the elastic range of the material. This can be 

accomplished by testing the material to derive its stress-strain curve [70]. 

In order to choose a material best suited for cardiac simulations, a set of criteria has been 

developed and is frequently used by cardiovascular researchers. Two significant criteria 

used when selecting a material for a thin-walled model are distensibility and propagation 

length. Distensibility (d) defines the fractional change in cross-sectional area (A) of a 

segment of a material with Young’s modulus (E), as seen in Equation 2-5.  

𝑑 =
1

𝐴

∆𝐴

∆𝑝
=

1

𝐸(ℎ/𝐷)
   2-5 

Propagation length (𝜆𝑚𝑜𝑑𝑒𝑙)  represents the longitudinal response of the vessel wall. 

Specifically, for the accurate analysis of the effect of compliance there is a required model 

length (𝐿𝑚𝑜𝑑𝑒𝑙) which should be matched to real-world values [71] of length (𝐿𝑅𝑊) and 

real-world values of propagation wavelength (𝜆 𝑅𝑊), as seen in Equation 2-6.    

𝐿𝑚𝑜𝑑𝑒𝑙

𝜆𝑚𝑜𝑑𝑒𝑙
=

𝐿𝑅𝑊

𝜆 𝑅𝑊
   2-6 

In addition to the above criteria, it is essential to replicate tissue compliancy and strength. 

Proper replication of tissue compliancy allows a model to accurately simulate the ability of 

the heart to withstand continuous rhythmic deformations [72]. By choosing the proper 

thickness and material, the compliancy can be appropriately adjusted. To elaborate, for a 
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specific material with elastic modulus E, and a fixed geometric size, we can find the proper 

thickness (s) to reach the desired compliance (C) using Equation 2-7, where l represents the 

length of the considered tract, and r is the internal lumen radius [73]. 

𝑠 =
2𝜋𝑙𝑟3

𝐸𝐶
   2-7 

To achieve a convergence between the mechanical properties of artificial materials and 

human tissue, many compositions of materials have been tested. When developing an ideal 

ink for a phantom, there are several material property requirements that must be satisfied. 

These requirements include adjustable properties, good printability, maintaining stable 

structures and properties during and after printing, etc. [74]. Silicone is frequently used for 

the manufacturing of compliant structures as silicone agents can be used to harden a rubber 

mixture (with an active agent) or add flexibility (with a bulking agent). An additive agent 

may also be used for finetuning of color and/or printability. Adjusting the weight ratio of 

silicone can lead to a wide range of mechanical properties which can be tailored to replicate 

human tissue behaviour. Figure 2.2 shows the relationship between the mechanical 

behaviour of human tissues and tailored polymeric materials. In small strain ranges, there 

is a satisfactory agreement between the materials, however, as strain ranges increase, a 

significant divergence between the stress-strain curves of polymeric materials compared 

with tissue specimens can be observed [75].  
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Figure 2.2 The diagram illustrates the following: Stress-strain plots of myocardial tissue 

specimens and corresponding polymeric materials; Stress-strain plots of aortic tissue 

specimens and corresponding polymeric materials, as well as the calcification material. 

At small strains (0 to 0.05), a great fidelity can be seen in the stress and strain diagram 

and the silicone behaviour matches the general trends of human tissue. However, at 

higher strains, a divergence appears, and the mechanical behaviour of the ink differs 

noticeably from the tissue [75] (From Haghiashtiani et al.).  

With the incredible advancements in material science throughout years of research, many 

tissue mimicking materials have been created that aim to satisfy the criteria mentioned 

above. Tissue mimicking materials demonstrate a biological and viscoelastic behaviour, 

similar to human tissue. Some of these materials include biopolymers and synthetic 

polymers. By tailoring the features of these materials, human tissue properties can be 

replicated depending on the application [76]. Unfortunately, many of the tissue mimicking 

materials present their own limitations. For instance, hydrogel-based tissue mimicking 
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materials are prone to water evaporation and bacterial growth, leading to short model 

lifetimes [77].  

Researchers often consider different factors when selecting materials to be used in their 

research based on specific study requirements and desired results. Accurate flow 

visualization is a common challenge presented when designing a phantom. To overcome 

this, researchers often consider both mechanical properties and transparency when selecting 

a material. For better flow visualization, it is sometimes preferred to use a rigid material 

and sacrifice compliancy [78]. For example, Moore and Dasi [25], [26], [79] mounted a 

porcine bioprosthetic aortic valve inside a clear, acrylic sinus chamber, machined to mimic 

the geometry of the outer walls of the aorta. Acrylic is a rigid material that cannot replicate 

the elasticity of human tissue [80].  In order to obtain both transparency and compliancy, 

silicone is widely used to fabricate phantoms and perform optical diagnostics [33], [81]–

[84].  In addition to elasticity and compliance, the geometrical properties (such as wall 

thickness) play a crucial role in phantom fabrications. Although using elastic materials can 

better exhibit pathology compared to other materials, they cannot guarantee the realistic or 

physiological material response. Furthermore, some researchers use Polydimethylsiloxane 

(PDMS), which has a similar elastic behaviour to rubber and through molding techniques, 

can be used to fabricate compliant models. In this regard, Zhang [84] used a PDMS aortic 

root to compare two prosthetic aortic valve models, both of which had stenosis. The model 

was transparent and elastic to accommodate the phase-locked PIV, and simulate tissue 

compliancy, respectively. However, the model had a general geometry with a uniform 
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thickness, and therefore was not realistic. To the best of our knowledge, no previous models 

have validated the distensibility or reproduction of real tissue properties. Some material 

properties such as surface roughness of the coronaries and chordae tendineae have not been 

considered in most studies. In order to see these details and their impacts, Hatoum et al. 

[27] designed a compliant aortic root which considers the coronary arteries and any 

obstructions. Despite the benefits of this model, this phantom had a uniform thickness, and 

was not manufactured with a realistic tissue compliance. Mashari et al. [21] designed a 

mitral valve based on geometry with chordae tendineae replicated using braided fishing 

thread, and deployed it inside a cardiovascular simulator. Although this model shows some 

potential, it is unlikely that the braided fishing thread is an ideal material to accurately 

mimic human tissue behaviour. Furthermore, the accuracy of the location and arrangement 

of the chordae tendineae are dependent on the imaging techniques and are required for a 

realistic approach.  

Various materials are commonly used in the manufacture of cardiovascular models for 

clinical training and research. Current models use rigid-plastic materials, rubber-like 

materials, and powder-based materials. It is essential to choose a material that can properly 

mimic the mechanical properties of human tissue when performing an in vitro study. This 

will result in a more accurate representation of human heart behaviour. Although there are 

ongoing studies to develop materials similar to human tissue, available materials can be 

selected based on mentioned criteria to optimize the function of the model from a material 

features perspective.  
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There are many other in vitro simulators which was used to investigate the impact of 

hemodynamics of the vascular diseases in the literature, e.g., [31], [85], [86]. Such studies 

are not the scope of this thesis.  

2.3 Image Analyses and 3D Model Reconstruction 

To study the anatomical variations and their influence on hemodynamics, a physiological 

geometry must be considered. Generating anatomical geometry and a 3D model involves 

the following processes: (1) acquisition of image data in the form of DICOM Data, (2) 

cropping and extracting the regions that are going to be studied, (3) transforming the 

segmented part to a 3D mesh generator software to prepare the required file for 3D printing 

and improving its topology, and (4) transferring the final file to a 3D printer and printing it 

[87], [88].  

(1) Acquisition of image data from DICOM data  

For anatomy modeling of cardiovascular mechanics, there are non-invasive imaging 

techniques (such as CT, MRI, 3D ultrasound) or an invasive method combining 

catheterization and intravascular ultrasound. Amongst different imaging modalities, 

echocardiography offers a low-cost modality with a relatively higher temporal resolution. 

Echocardiography enables us to select the optimal timing but has a narrow field of view 

[89], a low signal to noise ratio, and many artifacts from bones and air [69], which may 

maximize the error and lower the reproducibility [90].  
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Although modalities such as ultrasound can be deployed to acquire the image data [91]–

[93], MRI and CT are the most popular and widely used modalities [94]–[96]. One method 

for capturing and generating anatomical geometry is to use MRI, which provides 2D grey-

scale images in DICOM format, in which each image pixel intensities corresponds to 

different tissue density [97], [98]. MRI data has a limited resolution together with noises, 

and some smoothing and interpolations are used to make it possible to generate the 

geometry. MRI is a time-consuming method, and any tiny movement of the patient will 

result in inaccurate imaging and loss of contrast [71]. Most researchers use CT imaging 

which has a higher contrast [77], [99], [100] and provides a spatial resolution of 0.3–0.7 

mm. To enhance the imaging resolution and have a clearer geometric detail, a contrast agent 

–such as a specific volume of iodine contrast –is usually injected into the bloodstream of 

the patient [101].  

There are some criteria to choose the best images for the geometry reconstruction. The 

suitable pixel size and slice thickness need to be selected based on the size of the structures 

that we aim to generate 3D-models for. In other words, the minimum pixel size and slice 

thickness should be selected to be able to visualize the smallest features of interest [102]. 

Additionally, choosing the proper form of images is of importance from the manufacturing 

perspective. Consequently, some forms such as volume rendered images cannot be chosen 

for 3D printing and manufacturing purposes. On the contrary, surface rendered images, 

with contours that sharply define the object by using Hounsfield unit iso-contours and can 

be converted to a mesh, are perfect for 3D printing [103].  
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(2) Cropping and extracting the regions that are going to be studied 

After acquiring the imaging data, it needs to be processed for 3D model creation and 

printing, through a technique called segmentation. Segmentation involves dividing the 

outer surface of the images into regions based on the properties of the area [103]. In this 

process, the images are partitioned into multiple regions of objects and boundaries. The 

movement of the myocardium and the blood flow result in some difficulties in performing 

the segmentation, which leads to a need for an extremely complex network to learn.  The 

segmentation algorithm is chosen based on a balance between the complexity, the time 

required, and the segmentation results [104]. The methods commonly used for heart 

chamber segmentation are edge detection, region-based segmentation, and pixel 

classification [105]. Segmentation requires a commercial software or a freeware, which 

enables the distinction between different tissues and the identification of boundaries. Each 

segmentation software follows a series of steps namely: (1) cropping the area of interest, 

(2) adjusting the range of Hounsfield unit values to enhance contrast, (3) removing the 

undesirable parts, and (4) generating the appropriate output file format for 3D printing 

including STL (Standard Tessellation Language), VRML (Virtual Reality Modeling 

Language), AMF (Additive Manufacturing File Format) and OBJ (Object) [69], [102]. It 

should be noted that the values of the threshold in Step 2 are adjusted to extract the entire 

desired parts. Inevitably, this will result in unwanted anatomical structures with similar 

grayscale level in the image, and consequently, Step 3 is required to remove these parts 

[70]. Image voxel size and reconstruction kernels are important parameters and need to be 
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determined depending on the requirements. If subtle details are interested, small voxel size 

and sharp kernels are appropriate, requiring more manual segmentation and post-

processing. On the other hand, if there is no need for tiny details, larger voxel size and ‘soft’ 

reconstruction kernels can be used, which may enable automatic segmentation [103].  

(3) Transforming the segmented part to a 3D mesh generator software to prepare the 

required file for 3D printing and improving its topology 

Following the segmentation, the 3D model can be manipulated or refined more using 

limitless computer-aided design tools. The primary reasons for this manipulation include 

repairing the errors and discontinuities, such as holes, in the segmented model, smoothing 

to ameliorate the original image resolution, and appending the part to other parts by 

combining them [106]. Currently, imaging modalities impose limitations on the path to 

precise studies. The temporal and spatial resolutions are lower than that required for 

generating appropriate models for 3D printing of fine moving structures, such as valve 

leaflets and chordae tendinea [69]. Once the final file is ready, it is sent to a 3D printer to 

be constructed. 

2.4 Manufacturing techniques in cardiovascular in vitro 

simulations 

After generating the geometry and determining the appropriate material properties, an 

applicable manufacturing technique must be selected. Manufacturing techniques 
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commonly used in the fabrication of cardiovascular simulators include machining, injection 

molding, and 3D printing. Selecting the proper manufacturing technique is highly 

dependent on the chosen material and complexity of the geometry. Depending on the 

purpose of the study, several simplifications may be used when developing the cardiac 

simulator. For instance, studies which provide a basic understanding of blood flow and 

hemodynamics have simplifications integrated into the design including steady flow 

conditions, a fixed diameter tube, simplified disorders (such as a symmetric stenotic 

geometry), rigid tubes (by neglecting natural compliance), and continuous flow (by 

eliminating flow pulsations) [107], [108].  

The simplifications used in cardiovascular simulators are heavily influential on the 

manufacturing method and can be used to determine the most effective technique. 

Machining is a common technique chosen to manufacture phantoms made of rigid materials 

(such as acrylic) and can be appropriately used for models that neglect the mechanical 

properties of heart tissue, such as natural compliance. Although these simplifications 

provide benefits in terms of the manufacturing and basic understanding of the simulator, 

they present many limitations to the study.  In order to design cardiac simulators that are 

applicable in clinical research, there is a need to manufacture phantoms using flexible 

materials that exhibit tissue-like behaviour. In this section, I will briefly explain injection 

molding and direct 3D printing, which are the most common techniques used to produce 

flexible cardiovascular simulators and have the potential to generate physiological models.  



M.Sc. Thesis – M. Ebrahimi Dehshali; McMaster University – Mechanical Engineering 

 

30 

 

2.4.1 Molding  

Injection molding is a common method used to generate human organs with materials 

capable of mimicking human tissue properties. When performing this technique, the chosen 

material is injected into a mold, and the desired geometry is achieved through a casting 

process [109]–[111]. When constructing organs, the molds are often 3D printed using 

physiological measurements [76]. Two injection molding techniques are commonly used 

when 3D printing the molds. The first method involves injecting a tissue mimicking 

material into a negative (or female) 3D printed mold [112]. The second method involves 

using a rigid, positive (or male) 3D printed mold of the organ to generate a negative mold, 

which is then infused with a compliant material, such as silicone, polyurethane or other 

tissue mimicking material [113], [114].  

Although injection molding is a very useful technique to manufacture cardiovascular 

phantoms, in complex geometries, it can result in model irregularities. A post-processing 

method is often required to smooth surfaces and achieve optimal model fidelity to repair 

any deviations in the model. In order to achieve the proper thickness, the pouring-draining-

drying process must be repeated to generate several layers of material [115].  

Molding has been widely used in clinical research to manufacture heart components such 

as heart chambers [61], [116]–[120], heart valves [121]–[124] and blood vessels [109], 

[125]–[127]. Saaid et al. [61] utilized molding techniques to fabricate a transparent left 

ventricle (LV) to analyze interventricular fluid mechanics. To manufacture the phantom, 
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four layers of silicone were painted (brushed) onto a 3D printed LV mold. The model 

geometry was based on the statistical mean of a dataset of segmented 3D computed 

tomography images of 150 patients. Using a similar technique, Patel et al. [121], [128] 

manufactured bioengineered trileaflet valve (BETV) molds based on the geometry of a 

human infant aortic trileaflet valve. The molds were constructed using CAD software and 

computer numerical code (CNC) machining. As a limitation of CNC manufacturing, Patel 

et al. [121] reported that the CNC mold demonstrated significant variability compared to 

the CAD model. For example, the CNC mold was 8% smaller in height compared to the 

CAD model. Additionally, Narata et al. [109] used molding techniques in clinical research 

by manufacturing a physiological vessel using a positive hollow mold and casing. The 

casing was 3D printed from acrylic compound with constant offsets and inlets for injecting 

compliant material. The offsets between the positive mold and casing were chosen based 

on the mechanical requirements of the model (such as appropriate robustness), and to 

minimize ultrasound attenuations when analyzing the model. After removing any artifact 

left by the 3D printer, silicone was injected into the space between the positive mold and 

the casing. To facilitate the mold removal, a silicone oil layer (as a sealer) was applied to 

the interior surface of the casing prior to the silicone injection. The whole mold and casing 

system were placed inside a vacuum chamber to prevent wave scattering by bubbles when 

performing ultrasound measurements [109].   

Based on the processes described by Trawiński et al. [119], molding techniques require 

precise temperature control through each time-consuming step. For example, to construct 
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their model of the left ventricle, Trawiński et al placed their mold in a freezer at −25 ± 0.5 

°C for 35 hours, then allowed the model to thaw to room temperature for approximately 40 

hours. Overall, the accuracy required within each step in the molding process reduces the 

efficiency and the applicability of this manufacturing technique in clinical research.  

2.4.2 Direct 3D printing  

As an alternative, direct 3D printing offers a viable alternative manufacturing technique for 

cardiovascular models. More details can be found in several review papers on 3D printing 

applications in cardiovascular studies and surgical planning [129]–[134]. The most 

common 3D printing technologies that are applicable in cardiovascular research are: (1) 

Fused Deposition Modeling (FDM), (2) Selective Laser Sintering (SLS), (3) 

Stereolithography (SLA), (4) Color Inkjet Printing (CJP), and (5) Material Jetting (MJ) 

(Polyjet) [135]–[138]. These methods have enabled the simulation of a variety of diseases 

(such as aortic stenosis or calcified structures) using 3D models. Within this section, we 

will briefly discuss each of the above technologies, and their clinical applications.  

Choosing a proper 3D printing technology relies on several factors including cost, 

precision, supporting material, transparency, speed, and post processing. Researchers must 

consider the benefits and limitations of various 3D printing methods based on their specific 

model and study requirements [69]. FDM involves melting a polymer through a nozzle and 

forming the desired geometry through material extrusion onto a flat substrate [139]. Despite 

being the most common 3D printing technology used today [135], FDM presents many 
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limitations as it requires support materials to prevent the model from collapsing during 

printing [140]. After printing, the supports can be removed mechanically (using a tool such 

as flush cutters or a water jet), or chemically (by dissolving the material in solution) [141]. 

The need for supporting material often prevents the printing of complex geometries and 

may influence the accuracy of the model, however, 3D printing via SLS (a subset of powder 

bed fusion 3D printing), does not require the use of supporting materials. To manufacture 

a phantom using SLS, a powder material is heated by a CO2 laser to solidify the model 

layer by layer into the desired geometry [139]. In this case, easy removeable powders are 

attached to the surface which can be removed with a soft brush or pressurized air flow 

[142], [143]. Several powdered thermoplastic materials can be utilized when using a CO2 

laser, as CO2 provides a higher power at lower cost [144]. Alternatively, SLA uses UV or 

visible light to polymerize a thin layer of a solution containing a photocrosslinkable resin. 

SLA allows for the 3D printing of transparent models with an ideal accuracy thus enabling 

optical diagnostics [139], however, SLA suffers from considerable cost and a need for 

supporting materials [142]. Photopolymer inkjet printing is a powder-based technology like 

SLS [145], which introduces a support-free color printing technology capable of generating 

complex geometries without the need for supporting material [146]–[148]. The head of the 

printer selectively sprays the color binder on the material (like how ink is deposited on 

paper) based on the printer settings, enabling researchers to distinguish between different 

organs and tissues [142]. Lastly, MJ allows for the combination of different materials 

within the 3D print, which can better represent the varied tissues within the heart wall [138]. 
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To construct a model using MJ, fine drops of photopolymer are jetted onto the construction 

bed to attain the desired geometry and additional post-curing processes are not required 

after fabrication [142].  The resolution of this relatively accurate technique is highly 

dependent on the resolution of the inkjet printing head, the physical properties of the 

droplets, and the curing kinetics of the photopolymer. The minimum thickness and the 

minimum hole diameter of the model must be considered when using MJ for 3D printing. 

If the above specifications are not considered, MJ requires support for printing, which are 

jetted like the desired part [149].  

Overall, direct 3D printing overcomes many of the constraints associated with molding, 

however, each 3D printing method introduces its own limitations which must be considered 

when selecting a technique for a cardiovascular study [142]. For example, Grab et al. [102] 

used Polyjet printing technology to establish a method for generating high-fidelity 

phantoms. The proposed workflow facilitated the creation of individualized models, 

enabling pre-interventional surgical planning and physician training on realistic anatomies. 

Polyjet printing allowed for the use of materials with different mechanical properties, 

resulting in phantoms with specific details of a disease and therefore better accuracy. 

Similarly, Maragiannis et al. [150] used fused dual-material 3D printing technology to 

model several aortic valve stenoses. The cusp calcifications were replicated using a rigid 

material, while the non-calcified structures (outflow tract, aortic root, and non-calcified 

valve cusps) were replicated using compliant materials. Again, the manufacturing 

technique chosen for this study allowed for the development of models with variable 
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material properties, improving fidelity. In addition to manufacturing phantoms based on 

imaging, 3D printing enables the customization of models to improve their accuracy. 

Vignali and colleagues [127] modified the geometry of an LV model to reproduce its 

dynamic properties, such as rotation, compression, and expansion. Proper replication of 

these properties required detailed manufacturing, achieved through Polyjet 3D printing 

technology. The accuracy provided by 3D models allows for a comprehensive 

understanding of anatomical features, assisting potential surgical interventions [130]. 

Furthermore, 3D printing can be used to manufacture custom-made clinical devices and 

implants, applicable in personalized patient care [138], [151]. The above studies have 

proven the ability of 3D printing technology to replicate appropriate anatomical and 

behavioral properties. 

On balance, weighing up the pros and cons of both molding and 3D printing techniques –

while considering the contemporary potentials – the molding technique is more favorable. 

Molding offers a wider range of material properties, which are long-wearing compared to 

3D printed phantoms. As a result, it is more desirable to use the 3D printing to generate 

accurate molds and fabricate the phantom through molding via a proper rubber material. 

Moreover, modeling materials have superior optical features which facilitate visualization 

and optical measurements.  
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Chapter 3  

3 Experimental Methods  

3.1 Methods  

A mock flow circulation model was constructed which consisted of a left ventricle box, 

atrium tank, a piston pump, a realistic elastic silicone model of the left ventricle, a 

realistic aortic valve, a mechanical mitral valve, an adjustable systemic resistance, and 

a tunable compliance system (Figure 3.1). The elastic model of a left ventricle was 

fabricated through brushing multi-layers of silicone on an anatomically shaped mold 

reconstructed based on a data set obtained in an adult patient by computed tomography 

(CT) imaging. This technique applied successive layers of silicone on the mold until the 

left ventricle contraction and expansion and total left ventricular compliance match 

physiological values. The elastic model of the left ventricle used in this study has a 

shore hardness of 37A, which falls into the shore hardness range of the heart tissue. The 

aortic valve was also designed based on the realistic geometry from CT data, and the 

reconstructed geometry was manufactured through injection molding. Water was used 

as the working fluid on the circulatory side. A left ventricular pumping and compliance 

system containing distilled water was used to generate the physiological pulsating 

pumping action of the heart. The pump creates the left ventricle contraction and 

expansion. When the left ventricle model relaxes and initiates diastole during the 

expansion, the liquid is pumped into the left ventricle from the atrium tank and through 

the mitral valve. Once the contraction or systole phase begins, the liquid is pumped out 
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of the left ventricle, and after passing through the aortic valve, sent to the compliance 

chambers and systemic resistance. Finally, the flow exiting the systemic resistance 

returns to the atrium tank and closes the circulating system. The compliance and the 

resistance of the systemic arterial system can be adjusted to ensure physiological aortic 

pressure waveforms. Instantaneous flow rates were measured by two ultrasonic flow 

probes (Transonic, Ithaca, NY, USA) at the mitral valve inlet and aortic valve outlet 

[31], [85]. 

 

Figure 3.1 The schematic diagram of the cardiovascular simulator 

The pressures in the left ventricle and aorta were measured using two fluid-filled 

pressure transducers (Blood Pressure Transducer; Utahmed, UT) located inside the left 
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ventricle and 5 cm upstream of the aortic valve, respectively. Pressure measurements 

determined the pressure variation during a cardiac cycle and pulse pressure. Both 

instantaneous flow rate and cardiac output were measured, and together with the 

pressure data, were used to calculate the systemic resistance and compliance for each 

case. 

3.2  Experimental conditions  

The simulator was tested in physiological conditions to simulate human systemic 

circulation. First, the left ventricle contraction and expansion were automatically 

dictated by a physiological waveform that is a function of time and imported to the 

pump controller via a software interface (ViViGen, ViVitro Labs, BC, Canada). This 

waveform specifies the left ventricle volume during diastole and systole; according to 

that the systole to diastole ratio is 40/60. The experimental test is started by turning on 

the tunable pump and gradually increasing the piston stroke amplitude. The system was 

tuned in four-stroke volumes of 30 ml, 40 ml, 50 ml, and 60 ml, while the heartbeat was 

kept at 70 bpm during the experiments. The systemic resistance and compliance were 

adjusted at each stroke volume to generate different physiological conditions and 

cardiovascular disorders. The left ventricle and mitral valve were kept unchanged, and 

four aortic valves with different thicknesses and stenotic conditions were tested. The 

pressure and flow were measured at each condition to study the system metrics.   

The first aortic valve is used as a mild stenotic case and is a valve with a leaflet thickness 

of 0.3 mm and an aortic root size of 21 mm. A polyurethane rubber (VytaFlex™ 30, 

Smooth-on, Pennsylvania, US) with a shore hardness of 30 A was used to manufacture 
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the valve. In order to facilitate the valve installation into the simulator, the valve is 

equipped with a cylindrical scaffold with an inner diameter of 21 mm and an outer 

diameter of 25 mm. Similarly, three other valves with thicknesses of 0.6 mm, 0.8 mm, 

and 1 mm were manufactured and tested to simulate moderate to severe aortic stenosis.   

The left ventricle was fabricated from a clear silicone with Shore 37A hardness 

(SORTA-Clear™ 37, Smooth-on, Pennsylvania, US). It comprises five layers of 

silicone brushed on a water-soluble material, and the average thickness of the left 

ventricle sac is 1 mm. A mechanical mitral valve is used to direct the flow to the left 

ventricle and prevent any back flows from the left ventricle to the atrium. In order to 

tune the left ventricle compliance and adjust its response to the pressure changes, the 

air content of the left ventricle box was controlled until reaching the left ventricle 

pressure trends resemble the physiological condition. In fact, the air content of the left 

ventricle box was used as viscoelastic impedance adapter to tune the left ventricle 

compliance, which led to a left ventricle stroke volume deviation from the pump stroke 

volume. A portion of the piston displacement was used to compress or expand the air 

volume of the viscoelastic impudence adapter. For correction, the piston amplitude was 

increased until reaching the cardiac output corresponding to the desired stroke volume 

to correct this difference. The flowmeter read the cardiac output and considering the 

heartbeat (70 beats/min), the stroke volume of the left ventricle was calculated.   

Different systemic resistance conditions were manually created by changing the cross-

sectional area of the tunable resistance. The change in the number and size of the 

compliance chambers and water/air ratio inside the compliance chambers led to changes 
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in compliance. Pressure values were recorded in each case, and using the stated 

equations in chapter 2, systemic resistance and compliance amounts were calculated.   
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Chapter 4  

4 Results and Analysis 

4.1 Aortic Valves 

Aortic stenosis (AS), a narrowing of the aortic valve, is one of the most common and 

most serious valve problems. As is a progressive disease in which the valve leaflets are 

thickened gradually. This is critical as such stenotic valves do not open appropriately. 

In this work, we used a cardiovascular simulator to investigate the impact of 

hemodynamic parameters on the aortic stenosis function. Four aortic valves with the 

same physiological geometry (Figure 4.1) were fabricated with polyurethane materials, 

a material widely used in the medical industry [153]. The aortic valves and a silicone 

left ventricle were installed and tested in the cardiovascular simulator. The valve 

geometry was developed based on CT imaging data and extruded to four different 

thicknesses of 0.3 mm, 0.6 mm, 0.8 mm, and 1.0 mm. After geometry reconstruction, 

the valves were manufactured through injection molding. These stenotic valves were 

tested in the in vitro simulator under physiological conditions, and the impact of the 

systemic vascular resistance, stroke volume, and valve thickness on the hemodynamic 

parameters is presented in the results section below. 
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Valve Number Valve #1 Valve #2 Valve #3 Valve #4 

Leaflet 

Thickness 
0.3 mm 0.6 mm 0.8 mm 1.0 mm 

Figure 4.1 Fabricated valve dimensions: four valves of varying thicknesses 

manufactured through injection molding technique. The valve root diameter is 21 mm, 

and the valve holder cylinder has a height of 16 mm. 

4.2 Systemic Vascular Resistance 

A patient with a stenotic aortic valve often suffers from concomitant arterial diseases. 

This brings the left ventricle under a double load condition which is a combination of 

valvular load of AS and arterial load of vascular occlusion [153]. Arterial load can be 

quantified by SVR, which technically is a function of the blood vessel constriction and 

dilation, and when the vessel constricts, vasoconstriction occurs, and SVR increases. 

Conversely, vessel dilation or vasodilation results in a decrease in SVR. The amount of 

SVR varies from patient to patient and plays a vital role in cardiac pumping 

performance. In this section, to study the impact of the SVR variations on AS, valve #1 

was tested in different vascular resistances by adjusting the peripheral resistance 

opening area (the cross-section of flow path). The peripheral resistance is a device with 
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adjustable porosity that can be changed to alter the resistance in the fluid flow. SVR can 

be calculated as a ratio of mean aortic pressure (MAP) [154] to the cardiac output (CO) 

[54], [154]: 

𝑆𝑉𝑅 =
𝑀𝐴𝑃

𝐶𝑂
 4-1 

Accordingly, the SVR was adjusted in this experiment by changing the flow cross-

section in the peripheral resistance to mimic artery occlusions with different SVR 

ranges, and the stroke volume was kept in a constant amount of 50 ml. 

4.2.1 The Impact of SVR on the Left Ventricle and Aorta Pressures   

The left ventricle and aorta pressures were measured in different SVRs and presented 

in Figure 4.2 and Figure 4.3. As highlighted in these figures, in response to the higher 

pressure-loss in the system, the left ventricle and aorta pressures increase. From a fluid 

mechanic perspective, the left ventricle, as a positive displacement pump, needs to 

increase the pressure to keep a constant flow rate and compensate for the pressure loss 

in the system. This puts higher stress on the left ventricle wall and increases the pressure 

on the fluid to overcome the elevated systemic resistance and deliver the required flow 

[155]. In this experiment, both left ventricle and aorta pressures show a linear variation 

with the SVR, where the left ventricle pressure rises with a slightly sharper slope. 
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Quantitatively, with a 49% increase in SVR, left ventricle and aorta peak pressures 

increase by 49% and 44%, respectively.  

 

Figure 4.2  Variation of the left ventricular pressure with a gradual increase in 

systemic vascular resistance for valve #1 in stroke volume of 50 ml. In this test, valve 

#1 was used, and the systemic vascular resistance was changed using the adjustable 

resistance component in the cardiovascular simulator. 
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Figure 4.3 Variation of the aorta pressure with a gradual increase in systemic vascular 

resistance for valve #1 in stroke volume of 50 ml. In this test, valve #1 was used, and 

the systemic vascular resistance was changed using the adjustable resistance 

component in the cardiovascular simulator. 

 

Peak to peak pressure gradient (PtoP PG) (Figure 4.4) is a parameter used to 

demonstrate the impact of SVR on the left ventricle and aortic valve performance. This 

experiment exemplifies hypertension patients with aortic stenosis, who experience 

elevated ventricular afterload due to valve lesions and heightened systemic vascular 

resistance [155]. Figure 4.5 shows how artery constriction condition can affect 

transvalvular pressure gradient. It can be noticed that for a valve with low stenotic 

severity, PtoP PG is significantly increased when the vascular occlusion increases, and 

this especially is more significant at lower SVRs. The pressure gradient is a measure to 
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classify different aortic stenosis categories and determine their severity. When 

comparing the pressure gradients of a single valve in different artery constrictions, with 

an increase in systemic resistance, the pressure gradient rises to more severe stenotic 

conditions. As it is shown in Figure 4.5, Valve #1 in a SVR of 1.00 mmHg.s/ml has a 

pressure gradient of 9.4 mmHg, which falls in the range of mild aortic stenosis. The 

increase in SVR intensifies the severity of aortic stenosis and in SVR of 1.49 

mmHg.s/ml, a shift from mild to moderate aortic stenosis happens, and the intervalvular 

pressure gradient becomes 17.6 mmHg. As it is mentioned before, the increases in 

pressure gradient with SVR is more notable in lower SVRs. For example, for a 11% 

increase in SVR from 1.00 mmHg.s/ml to 1.11 mmHg.s/ml, the pressure gradient 

increases substantially by 48% from 9.4 mmHg to 13.9 mmHg. However, in higher 

SVR quantities, with a 35% rise in SVR from 1.11 mmHg.s/ml to 1.49 mmHg.s/ml, the 

pressure gradient has a comparatively lower increase of 27%. 
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Figure 4.4 A demonstration of the peak-to-peak pressure gradient on the left ventricle 

and aorta pressure waveforms  

 

Figure 4.5 The impact of systemic vascular resistance on the peak-to-peak pressure 

gradient of Valve #1 in a stroke volume of 50 ml. 

Peak-to-Peak Pressure Gradient 
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4.2.2 The Impact of SVR on the Effective Orifice Area 

Effective orifice area (EOA) is a measure of the aortic valve opening area and is 

calculated based on equation 4-2. To calculate the EOA for valve #1 in different 

conditions, parameters were chosen based on the ISO5840-3 standard [156], and the 

EOA (cm2) was derived as: 

𝐸𝑂𝐴 =
𝑞𝑉

51.6√
∆𝑃
𝜌

 
  4-2 

Where 𝑞𝑉 is the forward volumetric flow (ml/s), ΔP (mmHg) is the mean pressure 

difference during systole, and ρ (g/cm3) is the working fluid density. Using the 

measured data for Valve #1 at different SVRs, EOAs are calculated and shown in Figure 

4.6. Since EOA is a function of the square root of the mean pressure gradient, it is highly 

dependent on upstream conditions such as SVR values. As illustrated in Figure 4.6, with 

an increase in the SVR, the effective orifice area becomes smaller. Results from the in 

vitro measurements demonstrate that EOA is greatly affected by the variation of the 

SVR. An elevated SVR causes a higher back-pressure on the valve leaflets and makes 

it difficult for the valve to open properly, which reduces the valve opening or EOA. For 

all artery constriction severities, EOA decreases significantly, when SVR was increased 

from 1.00 to 1.49 mmHg.s/ml. As a quantitative example, the EOA for valve #1 at 

SVR= 1.00 mmHg.s/ml is equal to 0.37 cm2, and with a 49% rise in SVR from 1.00 to 

1.49 mmHg.s/ml, the EOA drops by almost 27% from 0.37 cm2 to 0.25 cm2. It is 

observed that EOA is more susceptible to SVR changes at lower SVR values. In lower 

SVRs, the EOA changes more severely and an 11% increase in SVR from 1.00 
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mmHg.s/ml to 1.11 mmHg.s/ml leads to an 18% decrease EOA. However, the EOA 

variation rate declines in higher SVRs, where there is less significant change in EOA 

due to SVR changes. For instance, a 35% rise in SVR from 1.11 mmHg.s/ml to 1.49 

mmHg.s/ml results in an only 11% reduction in EOA.  

 

Figure 4.6 The impact of systemic vascular resistance on the Effective Orifice Area 

(EOA) of Valve #1 in a stroke volume of 50 ml. 

4.2.3 The Impact of SVR on the Left Ventricle Workload 

An alternative approach to describe heart diseases severity, such as aortic stenosis and 

artery constriction, is the total workload that the left ventricle uses to open the aortic 

valve and deliver the blood flow to the body, and it is calculated as the integral of the 

left ventricle pressure times its volume [157], [158]: 

W = ∫ PdV   4-3 
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The pressure that the left ventricle needs to overcome during each contraction is called 

afterload and in circumstances like hypertension, the left ventricle must work harder to 

overcome the elevated afterload [158]–[170]. In chronic intensified afterload 

conditions, the left ventricle undergoes hypertrophy which is the thickening of left 

ventricle muscles. As it is shown in Figure 4.7, left ventricle workload increases with 

SVR and this increase is especially notable in the higher SVRs. According to Figure 

4.7, for a 49% increase in SVR from 1.00 mmHg.s/ml to 1.49 mmHg.s/ml, the LV 

workload increases by 79% from 0.6 J to 1.1 J. 

 

Figure 4.7 The impact of systemic vascular resistance on the left ventricle workload of 

Valve #1 in a stroke volume of 50 ml. The left ventricle workload can be computed as 

𝑾 = ∫ 𝑷𝒅𝑽 where P is the instantaneous left ventricle pressure and V is the 

corresponding volume. 
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4.3 Stroke Volume 

This section investigates the impact of stroke volume as one of the most critical 

parameters in blood flow hemodynamics. Valve #1 with a leaflet thickness of 0.3 mm 

was installed in the cardiovascular simulator, and the stroke volume was increased 

gradually from 30 ml to 60 ml. During the test, peripheral resistance and compliance of 

the circulatory system were kept unchanged at all stroke volumes. The pressure and 

flow were measured, and the results are presented here. 

4.3.1 The Impact of the Stroke Volume on the Left Ventricle and Aorta 

Pressure 

A change or modification in the stroke volume is attributed to changes in ventricular 

contractility [158] in which a rise in the duration and amount of contraction generates a 

higher stroke volume [171]. To simulate this physiological phenomenon, the stroke 

volume increased, and the results of the left ventricle and aorta pressures were measured 

and presented in Figure 4.8 and Figure 4.9. Figures 4.8 and 4.9 show that with an 

increase in the left ventricle contraction during systole, the left ventricle wall withstands 

a higher stress level, and this leads to a linear increase in the left ventricle and aorta 

pressures. According to the in vitro results, with an 100% increase in stroke volume 

(30-60ml), the left ventricle and aorta peak pressures increase by 106% and 108%, 

respectively. During the diastole (Figure 4.8), with a drop in the stroke volume, the left 

ventricle filling pressure increases, representing a diastolic dysfunction that generally 

happens when the left ventricle walls become stiffer [171]. In order to assess the effects 
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of stroke volume on the left ventricle and aorta pressures simultaneously, the 

intervalvular aortic valve pressure gradient is calculated and compared in Figure 4.10. 

Accordingly, the pressure gradient increases with an increase in stroke volume. This 

trend can be explained by the aortic valve resistance concept. Considering a unique 

valve with  constant anatomical resistance, the pressure gradient is a function of flow 

rate across the valve [172], [173]. As a result, with an increase in the flow rate or stroke 

volume, the transvalvular pressure gradient rises.  

∆P ∝ R × SV𝑛 4-4 

Where ∆P is the transvalvular pressure gradient, R is the aortic valve resistance,  SV is 

the stroke volume, and n is a constant. Based on the measured data in the experiment, 

𝑛 ≈ 1 and the pressure gradient across the aortic valve in this range of stroke volume 

varies linearly with the flow rate. Quantitatively, with an 100% increase in stroke 

volume (30-60ml), PtoP pressure gradient increases by 91.4% (7.4-14.2 mmHg).  
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Figure 4.8 Variation of the left ventricular pressure with stroke volume for valve #1. 

Peripheral resistance and systemic compliance were kept unchanged during the 

experiments. 
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Figure 4.9 Variation of the aorta pressure with varying the stroke volumes for valve 

#1. Peripheral resistance and systemic compliance were kept unchanged during the 

experiments. 
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Figure 4.10 The impact of the stroke volume on the transvalvular peak- to-peak 

pressure gradient for Valve #1. The simulator was tested with stroke volumes of 30 

ml, 40 ml, 50 ml, and 60 ml. Peripheral resistance and systemic compliance were kept 

unchanged during the experiments. 

4.3.2 The Impact of the Stroke Volume on the Effective Orifice Area 

The dependence of the valve opening area on the stroke volume, particularly in low 

cardiac outputs of left ventricular dysfunction is of paramount importance. In valve #1 

with mild stenosis, the left ventricle is not capable of providing enough flow and force 

to open the valve. This condition can lead to low EOA and is called pseudo-severe 

stenosis [174]. According to equation 4-2, EOA is directly proportional to the flow rate 

and inversely proportional to the square root of the mean pressure gradient. With an 

increase in stroke volume, both the flow rate and the pressure gradient rise, and their 

concomitant effects determine the trends of EOA. The in vitro measurements show that 

the effect of the stroke volume on the EOA is the inverse of that of the SVR: increase 
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in the stroke volume increases the EOA (Figure 4.11). As illustrated in Figure 4.11, 

without any anatomical change in the simulator, EOA increases with the flow rate 

linearly, which are in agreements with other studies [174], [175]. In this experiment, 

EOA increased by 44.5% (0.25–0.36 cm2) with an 100% increase in stroke volume (30-

60 ml). Although, the EOA is inversely proportional to the square root of the mean 

pressure gradient, both intervalvular pressure gradient and EOA increase with the 

increase in stroke volume. At stroke volume of 30 ml, the pressure gradient and EOA 

are 7.4 mmHg and 0.25 cm2, respectively. On the other hand, at stroke volume of 60 

ml, the pressure gradient and EOA are 14.2 mmHg and 0.36 cm2, respectively. This 

shows that, despite the lower amount of pressure gradient in stroke volume of 30 ml, 

the valve has a smaller effective orifice area; hence, experiences a more severe aortic 

stenosis. 

 

Figure 4.11 The impact of the stroke volume on the effective orifice area (cm2) for 

Valve #1. The simulator was tested with stroke volume of 30 ml, 40 ml, 50 ml, and 60 
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ml. Peripheral resistance and systemic compliance were kept unchanged during the 

experiments. 

4.4 Aortic Valve Thickness 

Aortic valve diseases range from mild leaflet thickening to severe aortic stenosis [176]. 

Aortic stenosis is a progressive disease in which the leaflets thicken gradually. To 

investigate the impact of leaflet thickening on valve hemodynamics, four aortic valves 

with the same geometry but different leaflet thicknesses (Figure 4.1) were designed and 

manufactured to simulate a range of aortic valve stenosis. 

4.4.1 The Impact of the Leaflet Thickness on the Left Ventricle and 

Aorta Pressures 

A thicker valve leads to a narrower aortic valve opening and left ventricle overload 

[177]. As a result, the left ventricle works harder to overcome the elevated aortic 

resistance and pump the required flow, which puts higher stress on the left ventricle 

walls and muscles. As outlined in Figure 4.12, this increase in the left ventricle wall 

stress leads to a higher left ventricle pressure as well. Aortic pressure also demonstrates 

an increase due to a left ventricle pressure rise (Figure 4.13); however, the rate of 

increase of left ventricle pressure is notably higher compared to the aortic pressure rise. 

For example, with an increase in thickness from 0.3 mm to 1 mm, the left ventricle peak 

pressure increases by 38.6% (from 113.2 mmHg to 156.9 mmHg). While for the same 

change in the thickness, the aorta peak pressure rises by 12.9 % (from 100.8 mmHg to 

113.8 mmHg).  
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Figure 4.12 Variation of the left ventricle pressure with the change in leaflet thickness. 

Four valves with the same geometry and different leaflet thicknesses were tested in 

stroke volume of 50 ml. Peripheral resistance and systemic compliance were kept 

unchanged during the experiments. 
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Figure 4.13 Variation of the aorta pressure with changes in leaflet thickness. Four 

valves with the same geometry and different leaflet thicknesses were tested in stroke 

volume of 50 ml. Peripheral resistance and systemic compliance were kept unchanged 

during the experiments. 

The difference in the rate of left ventricle and aorta pressure rises that outlined here 

testifies to the fact that a higher leaflet thickness increases the valve resistance, and this 

is reflected in the pressure gradient rise. As described in equation 4-4, for a valve with 

higher resistance, the pressure gradient is higher (in a constant flowrate). As it is 

represented in Figure 4.14, valve #1 has a pressure gradient of 12.4 mmHg which falls 

in the mild aortic stenosis area. As thickness and aortic stenosis severity increases, the 

pressure gradient increases with the thickness linearly. For valve #2 and valve #3, the 
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pressure gradients are 25.9 mmHg and 34.9 mmHg, respectively, which are in the range 

of moderate to severe aortic stenosis. Finally, valve #4 demonstrates a pressure gradient 

of 43.1 mmHg, which replicates severe stenosis. Please note all four valves have the 

same geometry but different leaflet thicknesses, in which Valve #1 has the thinnest 

leaflets (0.3 mm) and valve #4 has the thickest leaflets (1.0 mm). Figure 4.15 to Figure 

4.18 demonstrate left ventricle, aorta pressures and their peak-to-peak pressure gradient 

at the same time. 

 

Figure 4.14 The leaflet thickness impact on the pressure gradient in the constant stroke 

volume of 50 ml. 
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Figure 4.15 Left ventricle pressure, aorta pressure and the peak-to-peak pressure 

gradient for Valve #1 at stroke volume of 50 ml. 

12.4 mmHg 
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Figure 4.16 Left ventricle, aorta pressures and the peak-to-peak pressure gradient for 

Valve #2 at stroke volume of 50 ml. 

 

25.9 mmHg 
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Figure 4.17 Left ventricle, aorta pressures and the peak-to-peak pressure gradient for 

Valve #3 at stroke volume of 50 ml. 

34.9 mmHg 
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Figure 4.18 Left ventricle, aorta pressures and the peak-to-peak pressure gradient for 

Valve #4 at stroke volume of 50 ml. 

4.4.2 The Impact of the Leaflet Thickness on the Effective Orifice Area 

As illustrated previously, the EOA is inversely proportional to the mean pressure 

gradient and can be used to quantify and classify aortic stenosis severity. A thicker valve 

leaflet leads to smaller effective orifice area. This can be explained through the concept 

of cantilever beams, which are used to describe the valve opening and leaflet deflection 

in the commissural region, where the leaflets join the aortic root [178]. According to 

the cantilever beam deflection correlation, the amount of deflection is Inversely 

proportional to the moment of inertia and thickness. As a result of leaflet thickening, 

the leaflet deflection and valve opening area at each forward stroke reduce. In vitro, as 

43.1 mmHg 
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described in Figure 4.19, the effective orifice area reduces with an increase in leaflet 

thickness, which is consistent with the cantilever beam analogy. The impact of leaflet 

thickness on EOA is more notable in thinner valves. For instance, a 0.2 mm thickness 

increment from 0.6 mm to 0.8 mm and from 0.8 mm to 1.0 mm leads to a 14% and 10% 

decrease in EOA, respectively. Furthermore, it appears that in higher thicknesses, the 

EOA approaches to constant values and there is a smaller change in EOA.  

 

Figure 4.19 Effective orifice area variations with a change in the thickness of leaflet at 

stroke volume of 50 ml. 

4.4.3 The Impact of Thickness on the Left Ventricle Workload 

Left ventricle workload is a representation of the LV energetic state and is a function of 

ventricular geometry, its mechanical properties, and valvular and vascular condition 

[179]. With an increase in aortic valve impedance, the left ventricle uses more energy 

to deliver constant blood flow rate to the body. As shown in  
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Figure 4.20, with leaflet thickness increment, LV stroke work changes slightly from 

0.65 J for valve #1 to 0.67 J for valve #2 (a 3% increase). However, as the leaflets 

thicken, the LV workload worsens considerably [180]. Accordingly, for a thickness 

change from 0.8 mm in valve #3 to 1.0 mm in valve #4, the LV workload increases by 

10%. In general, a change in leaflet thickness from 0.3 mm to 1.0 mm leads to a 34% 

increase in the LV workload. This is critical as by increasing the LV workload, the heart 

should pump harder to compensate for this increase which leads to heart failure.  

 

Figure 4.20 The variation in the left ventricle workload with the change in aortic valve 

thickness at stroke volume of 50 ml. The left ventricle workload is a function of the 

left ventricle pressure and volume, and it can be calculated by  𝑊𝐿𝑉 = ∫ 𝑃𝑑𝑉 where P 

and V are LV volume and pressure, respectively.  
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Chapter 5  

5 Limitations and Conclusion  

5.1 Limitations  

In this experiment, water was used instead of blood due to the high volume of the 

required working fluid. The results that were claimed in this thesis were tested only one 

time. Therefore, we do not have any statistical or uncertainty analysis to demonstrate 

the findings of this study.  

5.2 Conclusion 

This experimental study was performed to assess the impact of different hemodynamic 

parameters on the severity of aortic stenosis. A stenotic aortic valve geometry was 

reconstructed using computed tomography images and manufactured through an 

injection molding technique. The valve installed and tested in a cardiovascular 

simulator under different hemodynamic conditions to investigate the impacts of 

systemic vascular resistance, stroke volume, and leaflet thickness on the aortic stenosis.  

Patients with aortic stenosis often suffer from artery occlusion and vascular diseases. 

Consequently, the left ventricle comes under a double load condition, which is due to 

the concomitant occurrence of AS and artery constriction. In vitro results demonstrate 

that with an increase in SVR, the left ventricular load increases. A 49% increase in SVR 

results in a 49% and 44% rise in the left ventricle and aorta pressures, respectively. In 

a patient with aortic stenosis and hypertension, the peak-to-peak pressure gradient rises 
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with the SVR increase, which is particularly notable in lower SVRs. For an 11% change 

in SVR (1.00 to 1.11 mmHg.s/ml), the pressure gradient rises considerably by 48% (9.4 

to 13.9 mmHg). While, in higher SVR values, when the artery becomes more 

constricted, a 35% rise in SVR (1.11 to 1.49 mmHg.s/ml) results in only a 27% increase 

in pressure gradient (13.9 to 17.6 mmHg). SVR change has a direct bearing on EOA 

and with a +49% SVR change, EOA varies by +27%. Ostensibly, the double load 

condition which stemmed from the concomitant rise of AS and artery disease, makes 

the left ventricle work harder to generate more pumping energy, especially in higher 

SVR values. The experimental results show a 79% LV workload increment for a 49% 

increase in SVR.  

In addition to vascular diseases, ventricular insufficiency may impact the AS severity. 

The left ventricular insufficiency was modeled as the low stroke volume condition, 

which is a key factor in pseudo-severe stenosis occurrence. The experimental 

measurements portrayed a linear increase in both left ventricle and aorta peak pressures 

with the stroke volume increment. The peak-to-peak pressure gradient across the aortic 

valve is a function of the valve geometry and mechanical properties, as well as the flow 

conditions. In a specific valve, the PtoP PG increases linearly with an increase in flow 

rate. Furthermore, EOA increases with the stroke volume, which shows that the valve 

at a lower stroke volume suffers from a more sever AS. In vitro results demonstrate a 

linear change in EOA with the stroke volume, where a 100% increase in stroke volume 

(30-60 ml) results in a +44.5% rise in EOA (0.25–0.36 cm2).   

Finally, the impact of the leaflet thickness on the AS was assessed. The aforementioned 

results suggest that both left ventricle and aorta pressure increase with leaflet 



M.Sc. Thesis – M. Ebrahimi Dehshali; McMaster University – Mechanical Engineering 

 

69 

 

thickening; however, the rate of increase of left ventricle pressure is notably higher 

compared to the aortic pressure. An increase in thickness from 0.3 to 1.0 mm leads to 

38.6% and 12.9% increases in the left ventricle and aorta peak pressures, respectively. 

The finding of this study shows that changing the leaflet thickness can be used to 

simulate different ranges of AS, in vitro. EOA is also intensely influenced by the leaflet 

thickness, which is particularly notable in lower thicknesses. A leaflet thickening from 

0.3 mm to 1.0 mm results in a 46% reduction in EOA. The resulting valvular lesion 

leads to a higher left ventricle workload and energy consumption. According to our 

findings, with a change in leaflet thickness from 0.3 mm to 1.0 mm, the LV workload 

increases by 34%. 

It is concluded that the aortic stenosis severity may be changed by changes in systemic 

vascular resistance, leaflets’ thickness as well as flow conditions. Such impacts may 

increase the left ventricle workload, resulting to heart failure and left ventricle 

hypertrophy. We concluded that that the severity of aortic stenosis not only depends on 

the valve geometrical parameters but also can be influenced significantly by 

hemodynamics parameters.  
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