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Abstract
This thesis focuses on creating a work�ow that combines four dimensional �ow magnetic reso-

nance imaging with computational �uid dynamics techniques, and identifying the main dif�culties

that are associated with patient-speci�c modelling. With further development, the proposed work-

�ow will allow post-surgical haemodynamics to be predicted prior to surgical intervention taking

place, ensuring the best possible outcome is achieved for the individual patient.

The use of patient-speci�c computational �uid dynamic modelling in diagnostics and risk strati-

�cation, treatment planning, and surgical intervention is quickly becoming an invaluable tool and

has proven key in multiple medical advances and breakthroughs. However, existing methods to

combine medical imaging and computational �uid dynamics techniques often require invasive pro-

cedures to collect appropriate patient-speci�c data, require expensive software licenses, or have

signi�cant limitations within the methodologies, such as inlet conditions or spatial resolutions.

The research within this thesis provides a work�ow to combine four dimensional �ow magnetic

resonance imaging and computational �uid dynamics, using open source software when possible,

and a non-invasive and non-ionising imaging technique. The major challenges of patient-speci�c

modelling are investigated. By increasing the complexity of the work�ow incrementally, the im-

pacts of physiologically accurate inlet boundary conditions are assessed, as is the human error that

is introduced into patient-speci�c modelling through the geometry reconstruction process. The

work�ow created is tested on a wide age range of patients and bicuspid aortic valve phenotypes.

To validate the work�ow created, the methods used were applied to an anatomical �ow phan-

tom, therefore thein-vivo challenges of the thoracic aorta moving radially and vertically, and the

systemic circulatory system distal to the outlets were removed. This research has shown that

the work�ow proposed produces good agreement with four dimensional �ow magnetic resonance

imaging data, notably in the ascending aorta during the systolic phase of the cardiac cycle.

A signi�cant challenge of patient-speci�c modelling that is often acknowledged yet not fully quan-

ti�ed is the spatial resolution of the four dimensional �ow magnetic resonance imaging. Research

therefore focused on determining how the spatial resolution at which the four dimensional �ow

magnetic resonance imaging data is acquired at impacts the subsequent patient-speci�c computa-

tional �uid dynamics simulations. The results presented show that coarse spatial resolutions have

a signi�cant impact on the results of numerical simulations. From the results presented, a recom-

mendation of a minimum spatial resolution that should be used when conducting patient-speci�c

simulations was made to avoid errors being introduced into the numerical simulations.
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Glossary

Abdominal Aorta The continuation of the thoracic aorta, running from the diaphragm to the iliac

arteries.

Aortic Annulus The �brous ring at the aortic ori�ce, it is considered the transition point between

the left ventricle and the aortic root.

Aortic Bifurcation The point at which the abdominal aorta forks into the left and right iliac

arteries.

Aortic Dissection Tearing in the inner layer of the aorta that causes the inner layer to separate

from the middle layer.

Aortic Regurgitation or Aortic Insuf�ciency. Leaking of the aortic valve causing reversed �ow

back into the left ventricle.

Aortic Stenosis The narrowing of the aortic valve opening.

Aortic Valve The valve in the human heart between the left ventricle and the aorta, it controls the

blood �ow into the systemic circulatory system.

Aortic Valve Dysfunction The aortic valve ceases to function properly.

Arterioles The small diameter blood vessels that form part of the microvasculature that branch

out from an artery and lead to capillaries.

Ascending Aorta The section of the aorta in the chest cavity that extends from the left ventricle

to the aortic arch.

Atherosclerosis The build up of fats, cholesterol, and other substances that form deposits on

arterial walls, leading to the narrowing of the vessels and the restriction of blood �ow.

Bidirectional Cavopulmonary Anastomosis A surgical procedure in which the superior vena

cava is disconnected from the right atrium and instead connected to the right pulmonary

artery allowing de-oxygenated blood to bypass the heart and �ow directly to the patients

lungs.

Brachiocephalic Artery The �rst branch of the aortic arch, supplying oxygenated blood to the

right arm, head and neck.

Carotid-Jugular Arteriovenous Fistula An abnormal connection or passageway between the

carotid artery and the jugular vein.

xx
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Coaptation Area The region of the valve lea�ets that overlaps during diastole.

Coarctation of the Aorta A congenital heart defect that is the narrowing of the aorta, resulting

in abnormal blood �ow.

Congenital Heart Defect A defect in the structure of the heart or great vessels that is present from

birth. Symptoms vary greatly depending on the defect ranging from none to life threatening.

Descending Aorta The segment of the aorta beginning at the aortic arch and running down

through the chest and abdomen.

Double Aortic Arch A rare congenital defect in which there are two aortic arches present, the

two arches re-join to form the descending aorta. It is known to compress the trachea and/or

oesophagus.

Endocarditis A potentially fatal bacterial infection inside the heart, most commonly found around

the heart valves.

Endothelium A thin membrane of a single layer of cells (endothelial cells) that lines the inside

of the heart and blood vessels.

Epigenetics The study of how behaviours and the environment can cause changes that impact

how genes work. Epigenetic changes are reversible and do not change a DNA sequence, but

change how the body reacts to the DNA sequence.

Great VesselsThe large blood vessels bringing blood to and from the heart muscle (the aorta, the

pulmonary artery, the pulmonary veins, the superior vena cava, and the inferior vena cava).

Iliac Arteries Arteries originating from the aortic bifurcation, supplying the pelvic region, hips,

thighs and reproductive organs with oxygenated blood.

In-Silico Research or experiments conducted using computer modelling or simulation.

In-Vivo Research or experiments that take place in a living organism.

Infrarenal Aorta The segment of the abdominal aorta between the renal arteries and the iliac

bifurcation.

Inner Intima The inner layer of the aortic wall.

Interatrial Septum The tissue that separates the right and left atria in the heart.

Interventricular Septum The tissue that separates the right and left ventricles in the heart.

Left Common Carotid Artery The second branch of the aortic arch, supplying the brain with

oxygenated blood.

Left Subclavian Artery The third branch of the aortic arch, supplying the left arm with oxy-

genated blood.

Leukocytes Or white blood cells. Known to protect the body against foreign substances and

disease.
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Middle Media The middle layer of the aortic wall.

Neonatal Also known as newborn, the neonatal period refers to the �rst 28 days post birth.

Outer Adventitia The outer layer of the aortic wall containing the nerves.

Pulmonary Circulatory System The portion of the circulatory system which transports de-oxygenated

blood from the right ventricle to the lungs, and carries the newly oxygenated blood back to

the left atrium.

Pulmonary Hypertension High blood pressure within the pulmonary arteries, causing the pul-

monary arteries become thickened and stiff, reducing the blood �ow causing the right side

of the heart to work harder, leading damage to the right side of the heart and eventually to

heart failure.

Right Coronary Artery A major artery originating above the right cusp of the aortic valve that

supplies the right ventricle of the heart with oxygenated blood.

Sinuses of ValsalvaThe widening of the aortic root just above the aortic valve.

Stroke Volume The volume of blood that is pumped from the left ventricle with every contraction

of the heart muscle. Calculated as the difference between the end-systolic volume and the

end-diastolic volume.

Supra-Aortic Vessels The vessels originating from the Aortic Arch; the Brachiocephalic artery,

the Left Common Carotid artery, and the Left Subclavian artery.

Suprarenal Aorta The segment of the abdominal aorta between the diaphragm and renal arteries.

Systemic Circulatory System The portion of the circulatory system that transports oxygenated

blood from the heart to the rest of the body, and carries the newly de-oxygenated blood back

into the right atrium.

Thrombosis Local clotting of the blood in part of the circulatory system.

Total Cavopulmonary Connection A surgical procedure following on from a bidirectional cavopul-

monary anastomosis. The inferior vena cava is also directly connected to the right pul-

monary artery, allowing deoxygenated blood to bypass the heart and directly enter the lungs.

Transcatheter Aortic Valve Replacement A minimally invasive procedure to replace an aortic

valve that fails to open fully due to aortic valve stenosis.
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4D-Flow MRI 4-Dimensional-Flow Magnetic Resonance Imaging.

AAo Ascending Aorta.

AoA Aortic Arch.

ATAA Ascending Thoracic Aortic Aneurysm.

AVR Aortic Valve Replacement.

BAV Bicuspid Aortic Valve.

BMI Body Mass Index.

CFD Computational Fluid Dynamics.

CT Computed Tomography.

DAo Descending Aorta.

DES Detached Eddy Simulation.

DNS Direct Numerical Simulation.

EL Energy Loss.

FSI Fluid Structure Interaction.

LBM Lattice Boltzmann Methods.

LDA Laser Doppler Anemometry.

LDIR Low Dose Ionising Radiation.

LES Large Eddy Simulation.

MR Magnetic Resonance.

MRA Magnetic Resonance Angiography.

MRI Magnetic Resonance Imaging.
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PC-MRI Phase-Contrast MRI.

PIV Particle Image Velocimetry.

POD Proper Orthogonal Decomposition.

RANS Reynolds Averaged Navier-Stokes.

RBF Radial Basis Functions.

RMSE Root Mean Square Error.

SSE Sum of Squares due to Error.
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1.1 Project Outline

The aorta is the largest artery within the human body and circulates oxygenated blood through

the body from the left ventricle. Separating the left ventricle from the aorta is the aortic valve.

The aortic valve is key in regulating the �ow that enters aorta, therefore a healthy valve is key

in maintaining normal haemodynamics in the aorta. As the left ventricle contracts and relaxes

through systole and diastole respectively, the changes in pressure within the left ventricle and the

vortices that develop around the valve cause the aortic valve to open and close. When the aortic

valve opens, it allows the oxygenated blood from the left ventricle to be ejected into the ascending

aorta. As the valve closes it reduces the blood �ow into the aorta.

Bicuspid Aortic Valve (BAV) is the fusion of two of the aortic valve cusps (or lea�ets), meaning

the aortic valve no longer has three cusps and no longer opens fully. This fusion results in an off-

centre jet of blood being ejected into the ascending aorta with every heartbeat causing altered Wall

Shear Stress (WSS) distributions on the aortic wall, and highly eccentric and helical �ow patterns

in the aorta. BAV has been shown to lead to numerous and serious complications that have high

morbidity and mortality rates [1]. The BAV phenotype present is also known to in�uence the

blood �ow patterns that are seen in the ascending aorta [2]. It has been hypothesised that the

resulting �ow eccentricity and helicity from BAV could be used as a diagnostic tool and aid with

risk strati�cation and treatment planning on an individual patient basis. The current treatment

options for patients diagnosed with BAV is to undergo an Aortic Valve Replacement (AVR). The

purpose of which is to restore a normal �ow pro�le to the valve and normal haemodynamics to the

thoracic aorta. A choice between a biological or mechanical AVR must be made, and is currently

1
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guided by patient preference, with little to no consideration as to which would be more successful

in restoring normal �ow on a patient-speci�c basis.

4-Dimensional-Flow Magnetic Resonance Imaging (4D-Flow MRI) provides a means for diagno-

sis and monitoring of many cardiac pathologies, including BAV; this can be achieved by allowing

the retrospective calculation of haemodynamic parameters of interest, such as WSS. The use of

Computational Fluid Dynamics (CFD) based on 4D-Flow MRI data could produce a work�ow that

could be applied on a patient-speci�c basis concurrently with existing methods of treatment plan-

ning to improve individualised treatment plans, and provide a means to predict the post-surgical

�ow pro�le of an AVR prior to surgical intervention [3].

This project creates a methodology that combines 4D-Flow MRI and CFD successfully to create

patient-speci�c simulations of the thoracic aorta. It demonstrates the potential the work�ow has as

a tool that could be used by clinicians for diagnosis, disease monitoring and treatment planning. It

also highlights the dif�culties of patient-speci�c in-silico modelling, and the challenges it presents.

The limitations of using 4D-Flow MRI to construct the geometry and boundary conditions are

investigated using the developed methodology, and recommendations are subsequently made for

others attempting the same process. The haemodynamics and blood �ow patterns predicted by

the CFD simulations in the Ascending Aorta (AAo), Aortic Arch (AoA), and Descending Aorta

(DAo) are investigated and compared to �ow patterns found using 4D-Flow MRI. The impacts

of the velocity pro�le at the aortic valve through the use of increasingly physiologically accurate

inlet boundary conditions is also explored.

1.2 Signi�cance of Research

Although research has previously been conducted into the effects BAV or an AVR have on the

haemodynamics and blood �ow patterns in the thoracic aorta, the results found have yet to be

made into a tool that can be utilised by clinicians. This study makes a step in that direction and

produces a methodology that can be followed to produce patient-speci�c simulations that predict

the thoracic aorta haemodynamics in patients ranging in age from 1 day to 55 years. This research

also makes recommendations as to the spatial resolution of the 4D-Flow MRI data that must be

used when combining CFD and 4D-Flow MRI to model patient-speci�c haemodynamics. Despite

being a known factor that in�uences the accuracy of CFD simulations it has yet to be quanti�ed;

this research quanti�es the errors that can be attributed to the spatial resolution of the 4D-Flow

MRI acquisition process and recommends a minimum requirement of spatial resolution if accurate

CFD simulations are desired.

The outcomes of the research conducted in this project have the potential to aid clinicians in

decision making. Treatment planning and risk strati�cation can be conducted on an individual

patient basis based on the predicted post surgical heamodynamics with the potential to improve

the quality of care received by the patient and the post surgical outcome. Finally, efforts have been

made to use open access software whenever possible whilst developing the methodology as this

will allow for clinicians across the globe to access the tool, resulting in more patients bene�ting

from the research conducted within this study.
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1.2.1 Motivation

BAV is the most common congenital heart defect and is known to affect approximately 1.3% of all

live births [4]. It has high morbidity and mortality rates and leads to a wide range a complications

[1, 5]. By creating a tool that improves the accuracy of patient-speci�c CFD simulations, this will

aid clinicians in diagnosis, disease monitoring, risk strati�cation and treatment planning. This will

ensure the best outcome for the patient can be found in terms of which AVR is the correct choice

to restore normal haemodynamics in the ascending aorta.

1.3 Research Methods

In order to create a work�ow that combines CFD techniques with 4D-Flow MRI to produce

patient-speci�c simulations, patient-speci�c geometries must be constructed from 4D-Flow MRI

data before being implemented in numerical simulations. This is achieved by applying a threshold

to all 4D-Flow MR images, and segmenting the thoracic aorta from each image. The threshold

allows a degree of automation to be included as it will allow the majority of the vessel to be high-

lighted and extracted from the background tissue before manually segmenting the remaining areas

of the vessel. From this, a 3D in-silico model will be produced.

A patient-speci�c inlet boundary condition must also be implemented for the methodology to be

suitable, and is constructed from 4D-Flow MRI data. 4D-Flow MRI as an imaging technique can

be used to measure the velocity �eld data in all three dimensions over time; this data is collected

over a large number of cardiac cycles and averaged to provide the �ow �eld within the thoracic

aorta over a single cardiac cycle. The data for the inlet boundary condition is acquired by calcu-

lating the volumetric �ow rate from 4D-Flow MRI data over a slice in the ascending aorta at the

location of the aortic valve throughout the course of the cardiac cycle. The calculated data can

then be applied to the inlet of the reconstructed geometry and patient-speci�c CFD simulations

can then be run. A range of inlet conditions are tested including steady state plug pro�les, plug

pro�les that vary temporally, and spatio-temporal patient-speci�c pro�les. CFD simulations are

conducted using the software OpenFOAM [6], and a cohort of both adult and neonatal patients are

used, made up of healthy volunteers and patients with BAV. Alongside this, in collaboration with

Kings' College London a �ow phantom is used to validate the work�ow created.

1.3.1 Ethical Approval

Ethics approval has been given to this study by the Leeds East Research Ethics Committee (18

/ YH / 0439) and Berkshire Research Ethics Committee (10 / H0505 / 100). All data used in

this study is anonymous and the identity of all subjects involved in this study is unknown to the

author. All participants and/or parents/legal guardians have given written and informed consent to

participate.

1.4 Aims and Objectives

Project Aims

1. To develop an in-silico methodology to combine CFD with 4D-Flow MRI that can aid clin-

icians in predicting the post surgical outcome for individual patients with BAV.
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2. To identify and investigate the key areas that impact the accuracy and reliability of patient-

speci�c 4D-Flow MRI based CFD simulations.

Objectives to meet aim 1:

1. Evaluate the state of current research in the �eld, and identify potential areas for novel work

for combining 4D-Flow MRI and CFD using a literature review (Chapters 1 & 2).

2. Develop a work�ow to construct patient-speci�c geometries for use in CFD simulations

from 4D-Flow MRI data (Chapter 3).

3. Conduct patient-speci�c preliminary studies on both adult and neonatal patients, this will

be accomplished through simulations at both peak systole and late diastole, as well as the

full cardiac cycle (Chapter 4).

4. Devise and implement a method to incorporate inlet boundary conditions that are both spa-

tially and temporally patient-speci�c, that would allow an AVR to be replicated (Chapter 3

& 4).

5. Validate the methodology created by using a �ow phantom (in collaboration with Kings'

College London) and compare 4D-Flow MRI and CFD results (Chapter 5).

Objectives to meet aim 2:

1. Highlight the challenges of patient-speci�c 4D-Flow MRI based CFD simulations (Chapter

2).

2. Compare and assess the difference between simulations with temporally patient-speci�c

boundary conditions and those with spatio-temporally patient-speci�c boundary conditions

(Chapter 4).

3. Conduct patient-speci�c simulations on patients with and without the supra-aortic vessels

included to quantify the impacts the additional vessels have on the haemodynamics of the

thoracic aorta (Chapter 4).

4. Investigate the impact 4D-Flow MRI spatial resolution has on subsequent patient-speci�c

CFD simulations (Chapter 6).
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2.1 Introduction

The aim of this literature review is to provide a comprehensive assessment of the state of current

research in haemodynamics in the human thoracic aorta. It will provide an overview of the relevant

medical background needed for this research area; including the cardiac cycle, the anatomy of

the aorta, and the congenital heart defect BAV, before discussing the current treatment options

available to those with BAV. This will highlight the motivation behind this research topic. The use

of 4D-Flow MRI to observe the haemodynamics of the thoracic aorta will be extensively discussed,

as will the use of computational �uid dynamics in a medical setting. A discussion of turbulence

models and rheology models that are appropriate for cardiovascular CFD will also be presented.

The combination of the two techniques (4D-Flow MRI and CFD) will then be thoroughly reviewed

and attention will be drawn to gaps in the literature. The use of �uid-structure interaction in a

medical setting will also be examined, in particular focusing on the interaction between the aorta

wall and the blood, as well as the aortic valve and the blood.

2.2 Overview of the Aorta

2.2.1 The Cardiac Cycle

The heart is a vital organ that supplies the entire human body with oxygenated blood and nutri-

ents through the systemic and pulmonary circulatory systems. The heart muscle consists of two

separate sides (left and right), and four individual chambers (atria and ventricles). The left and

right sides are each made up of an atrium and a ventricle, and are separated from each other by

the interatrial septum and the interventricular septum, which prevent any blood �ow between the

sides. The atria and ventricles are separated by valves, which allow the transfer of blood. The right

atrium receives de-oxygenated blood from the body through the superior and inferior vena cava.

Separating the right atrium and the right ventricle is the tricuspid valve. The right ventricle directs

the de-oxygenated blood to the lungs via the pulmonary valve, through the pulmonary artery and

the pulmonary circulatory system. The left atrium receives the newly oxygenated blood from the

lungs through the left and right pulmonary veins. Separating the left atrium and left ventricle is



Chapter 2 7

the mitral valve. The left ventricle then directs the oxygenated blood through the aorta and into

the systemic circulatory system via the aortic valve (see Figure 2.1) [7].

As the ventricles are contracted by the heart muscle (ventricular systole) the aortic and pulmonary

valves open; oxygenated blood is ejected into the aorta and the systemic circulatory system, and

de-oxygenated blood is ejected into the pulmonary artery and the pulmonary circulatory system.

Concurrently, the atria undergo diastole; the atria-ventricular valves (mitral and tricuspid) close

and blood �lls the atria, where pressure increases throughout ventricular systole. The atria �ll

up to an end-diastolic volume, at which point the atria-ventricular valves open, the aortic and

pulmonary valves close, and the ventricles relax and are �lled with blood (ventricular diastole)

before entering into ventricular systole once again. Ventricular diastole occupies approximately

two-thirds of the cardiac cycle in a resting state [8].

It is during ventricular systole that arterial blood pressure reaches a peak value (systolic blood pres-

sure) - approximately120mmHg in healthy subjects. The minimum arterial blood pressure is ex-

perienced during ventricular diastole (diastolic blood pressure) which is approximately80mmHg

in a healthy subject. The difference between the two arterial blood pressures is known as the pulse

pressure.

Figure 2.1. Schematic of the anatomy of the heart muscle during systole (where the aortic and pulmonary
valves are open), demonstrating the location of the four chambers and the valves. Blue arrows indicate
de-oxygenated blood, red arrows indicate oxygenated blood.

2.2.2 Anatomy and Physiology of the Aorta

The aorta is the largest artery in the human body, supplying the body with oxygenated blood from

the left ventricle. It can be divided into two key sections; the thoracic aorta and the abdominal

aorta. The thoracic aorta can be further subdivided into the ascending aorta, the aortic arch, and
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the descending aorta, with the supra-aortic vessels (the brachiocephalic artery, the left common

carotid artery, and the left subclavian artery) originating from the aortic arch (see Figure 2.2). The

abdominal aorta can be subdivided into the suprarenal aorta and the infrarenal aorta, before ending

at the aortic bifurcation where the iliac arteries originate [8].

Figure 2.2. Schematic of anatomy of the thoracic aorta and supra-aortic branches.

The aortic wall is formed of three layers; the outer adventitia, middle media, and the inner intima

as shown in Figure 2.3. The inner intima can be characterised by a membrane that is lined with

endothelium, is in direct contact with the blood �ow and is the layer most prone to injury or

tears. The middle media is the thickest of the layers - composed of muscle �bres and elastic tissue

making up approximately 80% of the aortic wall thickness. It is the middle media that gives the

aortic wall its circumferential elasticity, allowing it to resist haemodynamic stresses. The thin

outer adventitia contains the nerves. Its high collagen content confers the highest tensile strength

of all three layers [9].

2.2.3 Bicuspid Aortic Valve

Congenital heart defects affect the normal function of the heart and are present from birth, and

in most cases do not have an obvious cause as the underlying genetic and epigenetic causes are

complex and to date are still poorly understood. Bicuspid Aortic Valve (BAV) is the most common

congenital heart defect, known to affect approximately 1.3% of all live births [4]. In approximately

20 � 30%of all BAV cases, there are also cases within the immediate family, however a speci�c

genetic cause has yet to be found [10]. It has a wide range of serious complications that lead to

high morbidity and mortality rates; approximately 35% of BAV patients will suffer from severe

complications [1]. These complications include but are not limited to aortic valve dysfunction,

endocarditis, aortic stenosis, aortic regurgitation, aortic dilation and aortic dissection [5]. Approx-

imately 50% of all patients undergoing surgery for aortic stenosis have an underlying diagnosis of
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Figure 2.3.Schematic of a cross section of the thoracic aorta and a close up of the aortic wall demonstrating
the location of the inner intima, middle media, and outer adventitia.

BAV [11], and in up to 80% of cases it has been associated with ascending aortic dilation [12].

The aortic valve separates the left ventricle from the aorta and is key in maintaining unidirectional

�ow, preventing the oxygenated blood from �owing back into the left ventricle (aortic regurgita-

tion). In a healthy subject the aortic valve has three cusps (or lea�ets) and is commonly called

a Tricuspid Aortic Valve (TAV) (Figure 2.4a). A bicuspid aortic valve occurs when 2 cusps of

the aortic valve fuse together during development in the womb, resulting in a biscuspid valve

as opposed to the regular tricuspid valve. A fusion of the right and left cusps (RL BAV) has a

prevalence of 70-80% (Figure 2.4b), a fusion of the right and non-coronary cusps (RN BAV) has a

prevalence of 20-30% (Figure 2.4c), and a fusion of the non-coronary and left cusps (NL BAV) has

a prevalence of approximately 1% (Figure 2.4d) [5]. Although Figure 2.4 demonstrates complete

asymmetrical fusions (or raphe) between the two cusps, it is also possible for an incomplete raphe

between the two fused cusps to form, as is also the case with a symmetrical fusion pattern.
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Figure 2.4. Schematic of asymmetric BAV phenotypes with complete raphes from the parasternal short
axis view with a TAV for comparison.R =right cusp, L=left cusp, N=non-coronary cusp.

Bicuspid aortic valves do not allow the aortic valve to open fully at systole, meaning that the jet

of blood ejected into the aorta at ventricular systole is not central - as it would be in a healthy

subject with a TAV. The non-central jet impacts the ascending aortic wall, resulting in an area of

elevated Wall Shear Stress (WSS) and an abnormal WSS distribution. Elevated and abnormal WSS

distributions are considered to be major contributing factors for aortic dilation in BAV patients

[2]. It was found by Nishimuraet al. [10] that aortic dilation is more prevalent in those with a

RN BAV fusion pattern, and that patients whose fusion patterns involve the non-coronary cusp are

more likely to have dilation in the ascending aorta than in the sinuses of valsalva. An additional

consequence of a non-central blood jet is a helical �ow structure in the aorta. The abnormal

rotational �ow found with BAV is associated with increased ascending aortic dilation [13]. It was
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observed in a study by Haet al. [2] that the strength and rotational direction of the helical �ow

structure in the thoracic aorta was highly dependant on the aortic valve �ow i.e. the patients' BAV

phenotype will play a major role in in�uencing the strength and direction of the helical �ow, the

resulting WSS patterns, and therefore any aortic dilation present. It was recognised that aortic

valve �ow directed towards the posterior and right directions resulted in a right-handed helical

structure, whereas an aortic valve �ow in the left or anterior direction resulted in a left-handed

helical structure. The 4D-Flow MRI results indicated that a RL BAV develops predominantly

right-handed helical �ow, whereas a RN BAV can also develop left-handed helical �ow. The

study by Haet al. [2] concluded that an aortic �ow that demonstrated right-handed helical �ow

experienced higher WSS values on the aortic wall as higher rotational velocities were experienced.

A review of the haemodynamics of BAV by Edlinet al. [3] agreed with the results presented by

Ha et al. [2]; BAV is often associated with helical �ow structures and �ow eccentricity in the

thoracic aorta. From this, it was suggested by Edlinet al. [3] that the blood �ow patterns in the

thoracic aorta may be a useful diagnostic tool, aiding disease progression predictions. Currently,

risk strati�cation and treatment planning of individual BAV patients is based purely on geometric

data of the aorta e.g. aorta diameter[11]. However, this is not an appropriate method as geometric

parameters do not fully capture the complexity of BAV, with the consequence that morbidity and

mortality often occur before the interventional threshold for surgical treatment is met [14]. The

surgical intervention threshold is often an ascending aorta diameter greater than approximately

5cm, or 4:5cm if there is severe aortic stenosis or aortic regurgitation [10].

2.2.4 Aortic Valve Replacement

Worldwide, approximately 300,000 heart valve repair or replacement procedures are performed

on an annual basis [15–17], with this number predicted to increase to 850,000 by 2050 [17]. A

common treatment option for patients with a diagnosis of BAV is to undergo an Aortic Valve

Replacement (AVR), and the majority of patients with a BAV will undergo this surgery during the

course of their lifetime. An AVR involves either a biological or mechanical replacement being

implanted, or a Ross Procedure being performed whereby the patients diseased aortic valve is

replaced with their own pulmonary valve, and the pulmonary valve is replaced with that from a

cadaver.

The most popular mechanical AVR is the bilea�et AVR. This is constructed from two rotating

lea�ets that are attached to the valve housing. The bilea�et mechanical AVR has a larger opening

at systole than the other mechanical AVR alternatives and as such, is less likely to cause blood

clots, but it is known to be prone to back�ow. Mechanical AVR's have a much greater durability

than biological AVR's, and can last up to 20-30 years. However, due to the increased risk of blood

clotting associated with mechanical AVR's in general, the recipient must take anticoagulants for

the remainder of their lifetime. A mechanical AVR does not produce a central jet of blood at

systole, as a healthy TAV or biological AVR does, but instead produces multiple jets. A bilea�et

mechanical AVR produces three separate jets [18].

Biological AVR's are a more popular treatment option than mechanical AVR's, with approximately

65% of patients receiving one in 2001, with that number rising to 82% in 2011 [19]. A biological

AVR is commonly made of bovine or porcine tissue, and is less likely to cause blood clotting

than the mechanical alternatives so the recipient is not required to take anticoagulants. However,
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a biological AVR is considerably less durable than a mechanical AVR, lasting only 10-15 years

[20] and as such the recipient is likely to require multiple AVR's and therefore multiple surgeries,

which all carry risks, during their lifetime as a biological valve replacement is not an end-point

treatment. The majority of biological AVR's fail as a result of structural deterioration of the

valve lea�ets, which often presents as tears in the lea�ets themselves. Improving the durability

of a biological AVR would have a signi�cant clinical impact [21]. It has been hypothesised by

Zakerzadehet al. [21] that the use ofin-silico modelling would allow for parametric studies of the

AVR, allowing investigations into materials, placement location, angle etc. This has immeasurable

advantages overin-vivotesting, and would allow for a highly accurate and personalised framework

for treatment on an individual patient basis.

Work by De Gaetanoet al. [22], Yoganathanet al. [23], and Xuet al. [24] investigated the use

of in-silico parametric studies to optimise the aortic valve replacement. The optimal valve lea�et

thickness was investigated by De Gaetanoet al. [22] in order to determine the optimal design

that leads to maximal coaptation area whilst simultaneously reducing the stresses on the valve

lea�et. The best valve design that allows for optimal haemodynamics and the lowest possible risk

of design related thrombosis was determined by Yoganathanet al. [23], whilst a framework for

parametric design of aortic valve lea�ets with a view to automate aortic valve reconstruction was

produced by Xuet al. [24].

The main aim of an AVR is to restore healthy haemodynamics to the thoracic aorta, by restoring a

normal blood �ow pro�le at the valve. Nonetheless, this aim is not always achieved. It has been

hypothesised that the AVR type is responsible for differing �ow patterns post surgery [13]. It was

found by Bissellet al. [13] that approximately 73% of patients who received a mechanical AVR

experienced normal blood �ow patterns in the ascending aorta post surgery, compared with all

patients who received a bio-prosthetic AVR still exhibiting abnormal blood �ow behaviour post

surgery. This clearly indicates that the AVR type signi�cantly affects the �ow patterns.

2.2.5 Blood as a Fluid

Blood is a suspension that is composed of approximately45% elements (red blood cells, white

blood cells, and platelets) in a plasma [25]. Red blood cells are key in transporting oxygen around

the body. They are the dominant element, therefore can be taken to have the largest in�uence on the

mechanical properties of blood. Red blood cells are a �exible, biconcave structure approximately

8�m in diameter,1�m thick in the centre, and2 � 3�m at the edges [25]. White blood cells

(or leukocytes) are vital in �ghting infection within the human body, and although are marginally

larger than red blood cells, they make up a signi�cantly smaller proportion of the suspension

(approximately1%) so can be considered to be dynamically negligible. Platelets are biconvex

structures that are approximately2 � 3�m in diameter. Although they are more numerous than

both white blood cells and red blood cells, they are smaller so account for a far smaller volume

fraction of the suspension, thus can also be considered dynamically negligible. The plasma is a

solution of large molecules. However, based on the scales of motion and the shear rates that are

commonly found within human blood vessels, the plasma can be considered to be a Newtonian

�uid with a viscosity of � = � 0:0012� 0:0016kgm� 1s� 1.

In blood vessels with a diameter larger than100�m , the suspension can be considered to be a

homogeneous �uid as the scale of the elements within the suspension is signi�cantly smaller than
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that of the �ow [25]. Within smaller blood vessels, such as the capillaries, it becomes inappropriate

to assume that blood is a homogeneous �uid on the grounds that the diameter of red blood cells

and the spacing between them becomes similar to the diameter of the vessels.

As discussed previously, both the white blood cells and the platelets can be considered dynamically

negligible. The effect the red blood cells have on the �uid �ow can be quanti�ed by determining

the Stokes number of the suspension; it is a dimensionless number that can be de�ned as a ratio of

the momentum response time of the red blood cells to the time scale of the �ow �eld [26]. A larger

Stokes number indicates that the particles are larger or heavier, whilst a smaller Stokes number

indicates that the particles will be smaller or lighter. IfSt << 1 then it can be assumed that the

particles will likely follow the �uid motion, and act as a tracer would. IfSt >> 1 then it can be

taken that the particles are not in�uenced by the �uid motion. The Stokes number of the �ow can

be determined by Equation 2.1 [26], where� p is the density of the particles in the suspension (red

blood cells in this instance),Dp is the diameter of the particles,� is the viscosity of the �ow,D0

is the diameter of the pipe through which the �uid is �owing (the aorta in this case), andU0 is

the velocity of the �ow at the inlet of the pipe. As the thoracic aorta experiences pulsatile �ow,

it follows that the Stokes number of the suspension is not a constant value but instead varies with

the velocity of the �ow at the inlet.

St =

�
� p D 2

p
18�

�

�
D 0
U0

� (2.1)

For shear rates above100s� 1, it was found by Whitmore [27] that the viscosity of blood is inde-

pendent of the shear rate. As the average shear rate in large arteries, such as the aorta, is greater

than100s� 1, it follows that the suspension can be treated as not only homogeneous, but also a

Newtonian �uid. However, there are limitations to the Newtonian assumption. The shear rate in

large vessels is not consistently above100s� 1; it is much lower at the centre of the vessel and the

pulsatile nature of blood �ow also contributes to inconsistent shear rates. Therefore it is vital that

the rheological model used to model blood is investigated further. Section 2.4.3.1 provides a more

in depth discussion of rheological models that have been used to approximate blood.

2.2.6 The Importance of Wall Shear Stress

As discussed in Section 2.2.3, the WSS has been associated with non-central jets of blood being

ejected as a result of a BAV. Wall Shear Stress is the tangential force that the movement of the

blood through the vessel exerts on the vessel walls. It is caused by the friction of the blood against

the vessel wall and is primarily felt by the endothelial cells, located at the interface between the

blood �ow and the vessel wall; the inner intima. It is known that changes in the WSS can produce

alterations in the vessel wall that aim to accommodate the new �ow conditions and restore the

basal levels of WSS [28], with correlations between changes in WSS and the vessel diameter

being present. This is possible as vascular cells are equipped with receptors that enable them to

detect and react to changes in the forces that are generated by WSS and blood pressure. These

changes that are seen in terms of vessel shape and composition as a result of acute changes in

the forces experienced are known as vascular remodelling. An example of the �ow-dependent

vessel growth, or remodelling, can be seen in a carotid-jugular arteriovenous �stula. The velocity
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in the vessel that is supplying the �stula (the carotid artery) increases signi�cantly as the �ow

rate may be multiplied by a factor of 8, however the arterial calibre (or internal diameter) will

experience growth until the WSS is normalised and reaches its basal level once again [29]. Under

physiological conditions it has been shown that the mean WSS remains incredibly constant at a

value within the range of1 � 1:5Nm � 2, regardless of the section of the arterial network being

considered and the animal species being studied (with the exception of the rat and the mouse)[28].

Many studies show that an elevated level of WSS in the greater curvature of the ascending aorta

correlates with a stenotic BAV [3]. It has also been shown that a BAV results in higher levels of

WSS in the ascending aorta than a TAV, and the regions of elevated WSS often correlate to the

regions where thinning of the aortic wall and aortic dilation are found [30–33]. Several studies

have also found that WSS distributions vary with the degree of stenosis and the BAV fusion pattern

present, although the WSS is consistently elevated and asymmetrical [30–32, 34, 35]. From these

studies, it is apparent that the WSS can be utilised in monitoring disease progression for a range

of pathologies, and may help clinicians in treatment planning, particularly in terms of surgical

planning for congenital heart defects such as BAV.

However, multiple studies have also concluded that utilising WSS to measure disease progression

and track aortic growth may not be appropriate due to the reliability of the numerical calculations.

The distribution trends can be collected and compared between healthy volunteers and patients,

but any numerical comparison may not be valuable. This is largely due to the resolution of 4D-

Flow MRI scans used to determine the WSS values [11]. It is also evident that 4D-Flow MRI

underestimates WSS values. This arises as a singular static image from a frame is used to create

the model of the vascular system of interest, meaning any wall motion is neglected. The thoracic

aorta moves considerably throughout the cardiac cycle, which results in the vessel wall location in

the 4D-Flow MRI scan being inaccurate, therefore the WSS measurements can be assumed to be

inaccurate also.

2.2.7 Helical Flow In Blood Vessels

Helicity is a measure of the extent to which the blood �ow exhibits corkscrew-like behaviour. A

study by De Niscoet al. [36] investigated the role that helical �ow plays in the initiation and pro-

gression of atherosclerosis in the coronary arteries. It was found that a high helical �ow intensity

has a strong positive association with the WSS magnitude. The regions of the arterial wall that

were exposed to high levels of helical �ow exhibited smaller wall thickness growth when com-

pared to regions exposed to mid to low helical �ow. Using CFD simulations of porcine coronary

arteries, the study concluded that helical �ow plays a signi�cant role in protecting the arteries

against atherosclerotic wall thickness growth, and shows potential for use as a marker for predict-

ing wall thickness growth. The physiological importance of helical �ow in the human aorta has

also been investigated in the last decade, and it has also been found to serve an atheroprotective

role. Research has shown that helical �ow has an important role in mitigating �ow disturbances

close to the aorta wall, protecting the vessel from atherosclerotic development [37–40]. This is

achieved by suppressing the low amounts of WSS that are known to cause plaque development

[41]. In a study by Bissellet al. [13], helical �ow in the ascending aorta was quanti�ed by using

the rotational component of �ow, calculated through the integral of the vorticity with respect to

the cross-sectional area of the ascending aorta. The helical �ow can be categorised as de�ned by
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Bissell et al. [42], with normal helical �ow between� 5mm2=s and11mm2=s, abnormal right-

handed rotational �ow> 11mm2=s, and abnormal left-handed rotational �ow< � 5mm2=s.

Complex �ow is de�ned as low with no discernible rotational �ow pattern. The absolute value

of the rotational component of �ow can be used to compare between patients irrespective of �ow

direction.

2.3 4D-Flow Magnetic Resonance Imaging

The human body is made up primarily of water molecules, which in turn are made up of hydrogen

and oxygen atoms. The hydrogen and oxygen atoms all have a randomly aligned angular spin

momentum. Within the nuclei of these atoms are protons, which are known to be sensitive to mag-

netic �elds. A Magnetic Resonance Imaging (MRI) machine exploits this sensitivity by applying

a magnetic �eld causing the spin momentum of the atoms to align in the direction of the external

magnetic �eld. Short bursts of radio waves are then sent out to the region of interest, exciting the

protons and changing their alignment. As the radio waves are turned off the protons re-align to the

external magnetic �eld, and in doing so, send out radio-waves which are picked up by receivers in

the MRI machine. These returning signals provide information about the location of the protons

and help to distinguish between tissue types as the protons in different tissues respond to the radio-

waves in distinct ways, producing distinctive signals. The returning signals are then combined to

produce a detailed image of the region of interest. By adjusting the imaging parameters, various

tissue types can be identi�ed.

Phase-Contrast MRI (PC-MRI) builds on a conventional MRI, but incorporates velocity encoding

to provide details on the velocity of the blood �ow. All protons have a phase that is dependent

on the velocity of the atom. By acquiring two sets of data with opposing magnetic gradients the

phase shift between the two sets of results can be calculated. This phase shift can be converted to

provide a �ow velocity through velocity encoding. Velocity encoding requires a parameter,venc,

to be selected to de�ne the range of velocities that will be visible on the �nal PC-MRI images.

The venc should be the maximum velocity that can be acquired during the PC MRI scan. The

choice ofvenc is highly sensitive; a high value ofvenc allows the full range of velocities to be

observed, but will often cause the lower velocities to be obscured as a result of the larger range,

as well as producing a signal-to-noise ratio that is impractical. A lower value ofvenc will not

obscure the lower velocities, but will cause aliasing on any value of velocity that is larger than

venc. This aliasing is known to present the higher velocities as velocities moving in the opposite

direction. The velocity of the blood �ow is determined in each of the voxels within the vessel

geometry. This is demonstrated in Figure 2.5; the voxels that make up the vessel of interest have

been extracted, from the image �eld (2.5b), before the velocity is determined, through velocity

encoding as discussed above, in each voxel to give the velocity �eld across the entirety of the

vessel (2.5d). This is done at each time step to provide the �ow �eld throughout the course of the

cardiac cycle.

MRI is considered the gold standard of medical imaging techniques, and as such is a key tool

in diagnostics and monitoring disease progression in clinical settings [8, 43, 44]. 4D-Flow MRI

has evolved from this 'gold standard' imaging technique, allowing for accurate delineation of the

blood �ow at the location of interest in the subject, speci�cally within the heart and the large

vessels. It is a non-invasive and non-ionising imaging technique, best described as PC MRI with
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Figure 2.5. 4D-Flow MRI velocity acquisition method

�ow encoding in all three dimensions, resolved with respect to these three dimensions as well as

time (under free-breathing or diaphragm navigator-gated conditions) [44]. Data is acquired over

hundreds of heartbeats, and averaged to provide a representative �ow �eld for a single cardiac

cycle. Approximately70� 80%of a patients heartbeats during the 4D-Flow MRI scan are used to

recreate the �ow �eld for the average cardiac cycle. Therefore 4D-Flow MRI provides a reasonable

representation of the average heartbeat. The heartbeats that are rejected for use are those in which

the heart is in the wrong position within the chest. This occurs for a range of reasons, such as the

patient moving, or breathing position in inspiration.

Although 4D-Flow MRI has been an available imaging technique for over a decade it has only

recently become available in clinical settings due to recent reductions in scan times - only an ad-

ditional 10-15 minutes are needed after a conventional MRI scan [43]. One of the main bene�ts of

4D-Flow MRI lies in the rich data sets that can be collected from the technique - multiple physio-

logical parameters can be calculated retrospectively, including but not limited to WSS, Oscillatory

Shear Index (OSI), and helicity, all of which have been hypothesised to be of importance in disease

progression. From this, it is clear that the use of 4D-Flow MRI in clinical settings has the potential

to increase understanding of abnormal blood �ow and WSS distribution patterns, as well as help

in monitoring disease progression, risk strati�cation and aid individualised treatment planning.

The accuracy of 4D-Flow MRI is comparable to echocardiography, but is known to have better

inter- and intra-observer reproducability. This accuracy has led to 4D-Flow MRI also being used

in non-cardiac settings [43].

In spite of the increasing popularity of 4D-Flow MRI, there are still many limitations to the tech-

nique. Primarily, the current coarse spatial and temporal resolutions available lead to underesti-

mations of high blood �ow velocities. There is also the potential for errors to be caused by motion

artefacts. The cost of, and access to, the resources needed to conduct 4D-Flow MRI scans is also a

key limitation, with prior knowledge of expected blood �ow velocity required in order to correctly

acquire the data.

The spatial and temporal resolutions of 4D-Flow MRI scans are a trade off with accuracy and

time required for the scan acquisition, and the scan parameters must be decided when acquiring

the 4D-Flow MRI data. The choice of spatial and temporal resolutions is driven by application,

and is highly dependent on the blood vessels of interest. By reducing the temporal resolution of

the 4D-Flow MRI scan, the time required to take the scan is reduced, however this is alongside

reduced accuracy of the peak velocity and �ow volume quanti�cation as the �ow features cannot
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be fully resolved.

2.3.1 Uses of 4D-Flow MRI

There have been multiple studies using 4D-Flow MRI to observe BAV and AVR's, and how this

altered inlet velocity pro�le affects the blood �ow pattern in the aorta. A study conducted by

Barkeret al. [35] looked at how BAV affects WSS in the aorta when compared to control groups.

This study concluded that the presence of BAV in a subject altered the haemodynamics in the

ascending aorta - RL BAV was linked to the jet of blood ejected at systole impinging on the right

anterior aortic wall, corresponding to a region of elevated WSS. This agreed well with the results

presented by Barkeret al. [45] and Hopeet al. [46]. The cohort size in this study consisted of

15 BAV patients (12 RL BAV (of which 6 suffered from stenosis), and 3 RN BAV). The study

used 3 control groups; group 1 consisted of 15 healthy TAV subjects with no history of heart,

aortic or valve disease, group 2 consisted of 15 age-matched healthy TAV subjects, and group

3 consisted of 15 age and aortic size matched TAV subjects with an ascending aortic aneurysm.

Despite the relatively large cohort size used in this study, no NL BAV patients were studied. This

presents a large gap in the current knowledge regarding the haemodynamics of BAV that should

be investigated.

A study by Roseet al. [47] used 4D-Flow MRI to track the progression of BAV in paediatric

patients by assessing the �ow pattern and changes in velocity in the aorta. A short time period

between the baseline and follow-up scans was used, with the �ow patterns and velocity showing

no signi�cant changes for any patient, but showing substantial differences between patients. This

study demonstrated that 4D-Flow MRI is a robust method for observing aortic blood �ow, and is

capable of highly reproducible results. It can therefore be inferred that 4D-Flow MRI provides a

reliable method of viewing patient speci�c haemodynamics within the thoracic aorta.

The feasibility of using 4D-Flow MRI to assess the �ow in patients with aortic dissections was

studied by de Beaufortet al. [48]. 4D-Flow MRI scans were conducted on 13ex-vivoporcine

aortas mounted to a �ow loop as well as on 14 patients with aortic dissection. The intra- and

inter-observer variability of 4D-Flow MRI was assessed on the porcineex-vivotest subjects, as

well as on the patients. Lins correlation coef�cients of 0.98 and 0.96 were determined for the

porcine subjects for intra and inter-observer variability respectively, and values of 0.98 and 0.97

respectively were determined for the human patients. Similar to the conclusions drawn by Rose

et al. [47], it can be con�dently concluded from the work by de Beaufortet al. [48] that 4D-Flow

MRI allows for accurate and reliable assessment of the �ow in the aorta, meaning it can be used

in future work to determine aortic dissection haemodynamics.

The reliability of 4D-Flow MRI scans was investigated by van der Palenet al. [49] through the

scan-rescan reproducibility. The variability in the WSS mean and WSS maximum were observed

at �ve locations in the thoracic aorta. The study involved ten healthy adult patients who underwent

two 4D-Flow MRI scans and the results between them compared. It was found that on average

there was good scan-rescan reproducibility for the mean WSS values, however the variability in

the maximum WSS values experienced was larger, reaching differences between the scan and

rescan of up to32%in the proximal ascending aorta.
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2.4 Theoretical Foundations

2.4.1 Computational Fluid Dynamics Models

A wide range of CFD models exist that allow the turbulence in the �ow to be determined, with

a wide ranging cost associated with each approach. The computational cost of each approach is

dependent on the scales that are modelled and those that are resolved. If more of the turbulence

scales are resolved, the computational cost of the approach is higher, as is the accuracy. If the

majority of the turbulence scales are modelled then the computational cost of the approach is

lower, as is the accuracy. The Navier-Stokes equations are given in Equations 2.2 and 2.3

�
@u
@t

+ � (u � r )u = �r P + F + � r 2u (2.2)

D�
Dt

+ � r � u = 0 (2.3)

2.4.1.1 RANS

The Reynolds Averaged Navier-Stokes (RANS) equations provide a time-averaged approach to

modelling a �uid �ow, and they govern the transport of the averaged �ow quantities. Additionally,

the entire range of the turbulence scales are modelled, resulting in a modelling approach that

requires reduced computational resources compared to the other approaches listed within Section

2.4.1. The RANS equations do not form a closed set, and as such additional information is required

to achieve closure. This is achieved by incorporating a turbulence model into the simulation. A

large range of turbulence models are available for use, and the choice is dependent on the geometry

and �ow being modelled. Despite the reduced resources required for RANS modelling, RANS

provides less accurate and reliable results than the approaches that resolve more of the turbulence

scales.

2.4.1.2 DES

The Detached Eddy Simulation (DES) hybrid technique is a modi�cation of a RANS model

whereby RANS is applied in the near wall and attached boundary layer regions, and Large Eddy

Simulation (LES) subgrid models are applied for separated �ows in the regions away from the

wall. The LES region is commonly associated with the turbulence region where the larger turbu-

lence scales play a more key role. DES is less computationally expensive than LES, and provides

better time-averaged results that steady and unsteady RANS simulations. In addition, the accu-

racy of DES is typically superior to steady and unsteady RANS, whilst also circumventing the

Reynolds number limitations that are present with LES. However, using a grid density that is both

too �ne for RANS and too coarse for LES can reduce the quality of results found from DES [50].

A signi�cant limitation of the original DES model proposed by Spalart [51] is present when the

mesh is re�ned locally in regions not intended to be scale-resolved, such as in areas of high geo-

metric curvature or areas where multiple solid surfaces interact. As the criteria in DES for tran-

sitioning between RANS and LES compares the RANS length scale to the maximum grid sizing,

the eddy viscosity may be reduced notably in the boundary layer with no mechanism to transfer
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the modelled turbulence energy into resolved energy. Recent modi�cations to the DES model

have attempted to rectify this limitation, which stop the transition from RANS to LES within the

attached boundary layers based on the grid design.

2.4.1.3 LES

Large Eddy Simulation (LES) is a model used for turbulence. The concept behind the LES model

is that the large eddies in a turbulent �ow are solved explicitly, whilst the smaller eddies are

accounted for via a subgrid scale model. The rationale behind LES can be summarised as momen-

tum, mass and energy are transported by the larger eddies which are mostly problem dependent as

they are in�uenced by the geometry and boundary conditions, the smaller eddies tend to be more

isotropic and are less dependent on the geometry and are more universal, an that the probability

of �nding a universal turbulence model is much higher for smaller eddies. By resolving only the

larger eddies, a much coarser mesh and larger time steps can be used than other methods such as

DNS. However, LES still requires a �ner grid resolution than RANS. As a consequence, LES has

a higher computational cost in terms of memory and CPU time than RANS simulations.

The governing equations utilised in LES are found by �ltering the time-dependent Navier-Stokes

equations in either Fourier or con�guration space. This �ltering process �lters out the eddies

wholes scales are smaller than the selected �lter width or grid spacing used in simulations.

2.4.1.4 DNS

Direct Numerical Simulation (DNS) solves the Navier-Stokes equations without a turbulence

model. This means that the entire range of length and time scale of the turbulence are resolved.

As all scales of turbulence are solved in the computational mesh, the computational cost of DNS

is high in terms of memory and time required. This limits its use for complex geometries and high

Reynolds number �ows.

2.4.1.5 LBM

The Lattice Boltzmann Methods (LBM) are a class of CFD methods that do not solve the macro-

scopic Navier-Stokes equations directly, but rather simulate a �uid density on a lattice with stream-

ing and collision processes. LBM originates from the molecular description of a �uid. It is a ver-

satile method that can model common �uid behaviours. The method is designed to run on parallel

computing resources, and is an ef�cient method. LBM has the advantage over other CFD methods

that is has the ability to deal with complex boundary, can incorporate microscopic interactions,

and the parallelisation of the algorithm.

2.4.2 Reynolds number

The Reynolds number is the ratio of inertial forces to viscous forces. At low Reynolds numbers,

the �uid �ow is laminar as the viscous forces dominate the �ow. A transition region is reached

between2300< Re < 4000for pipe �ow, above which the �ow becomes fully turbulent where

the inertial forces dominate. The Reynolds number (Re) can be calculated by using Equation

2.4, where� is the �uid density,u is the velocity,� is the dynamic viscosity,� is the kinematic

viscosity andL is the characteristic length. Within this research project the thoracic aorta is the
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vessel of interest, and as suchL is taken to be the vessel diameter at the location of the aortic

valve.

Re =
Inertial Forces
Viscous Forces

=
�uL

�
=

uL
�

(2.4)

2.4.3 Non-Newtonian Fluids

Newton's law of viscosity states that the ratio of shear stress to shear rate is a constant (at a

constant temperature and pressure) and is de�ned as the viscosity. If a �uid obeys this law, it is

known as a Newtonian �uid. If the viscosity changes with the rate of deformation or shear strain

i.e. a constant viscosity is not de�ned, then the �uid is classed as non-Newtonian. A �uid whose

viscosity decreases as the shear strain rate increases is further classed as a shear thinning �uid. A

shear thinning �uid responds immediately to a change in the shear strain rate. Blood is classed

as a shear thinning �uid as its viscosity decreases with increases in the shear strain rate - highly

favourable behaviour for a �uid moving through a blood vessel.

2.4.3.1 Viscosity Models

As there is no universally accepted viscosity model for blood, the use of various non-Newtonian

blood models in CFD simulations was investigated by Johnstonet al.[52]. The effects of �ve non-

Newtonian models were studied (in addition to the Newtonian model as a reference); Generalised

Power Law model [53], Walburn-Schneck model [54], Carreau model [55], Casson model [56],

and the Power Law model [55]. Johnstonet al. [52] concluded that the WSS distributions on

the aortic wall were the same regardless of the model selected, however, the magnitude of the

WSS varied between models. It was observed that at mid-range inlet velocities the models were

virtually indistinguishable from each other. As expected, the Newtonian model had a tendency

to underestimate the WSS when the inlet velocity was low, with the Power Law model and the

Walburn-Schneck model presenting a signi�cant difference at both high and low inlet velocities.

It was then cautiously advised, by Johnstonet al. [52], that the best approach to modelling blood

�ow is with the Generalised Power Law model as it is better than the Newtonian model at the low

velocities and low shear rates that are associated with diastole. This is key as diastole occupies

approximately two thirds of the cardiac cycle. The Generalised Power Law incorporates the Cas-

son model and agrees well with the Carreau model in regions of low to mid-shear, and for higher

regions of shear it is similar to the Newtonian model. However, this study presents a large number

of limitations; the study was conducted on the right coronary artery with a signi�cantly smaller

diameter (3 � 5mm in diameter) than the aorta, which will have an impact in the model chosen.

The simulations conducted for this research were steady state, and as it was shown in the research

that the non-Newtonian effects of blood are of importance at low velocities it must be considered

that at times within the cardiac cycle the velocity of the blood will decrease. It should therefore be

noted that transient simulations must also be conducted before appropriate advice on the viscosity

model selection is given.

A study conducted by Caballero & La�́n [57] looked into the effects of using the Newtonian model,

the Carreau model [55], the Herschel-Bulkley model [58], and the Non-Newtonian Power Law

model [59] as a way of modelling blood �ow through a human thoracic aorta. This study found that
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the WSS distribution was consistent across all models applied, with only the magnitude varying

according to the model used. It was observed that at mid- to high- range velocities the models

were virtually indistinguishable from each other. This is expected as at higher velocity rates the

shear rates are higher, and as stated by Whitmore [27], shear rates above100s� 1m blood can be

treated as a Newtonian �uid. These results are all in agreement with those presented by Johnston

et al. [52]. This study recommended the cautious use of the Non-Newtonian Power Law model as

an approach to model blood �ow under steady state conditions as the Carreau and the Herschel-

Bulkley models slightly over-estimated the WSS magnitudes at high velocities, and at low �ow

velocities, the Newtonian model under-estimated the WSS.

The study by Caballero & La�́n [57] undertook preliminary transient simulations in order to deter-

mine whether the same advice regarding viscosity models can be given to a pulsatile regime as for

a steady state simulation. It must be considered whether or not the Non-Newtonian Power Law

model is valid when the velocity inlet pro�le is pulsing, as the model was constructed using steady

state conditions. Caballero & La�́n [57] found no visual difference in WSS between Newtonian

and Non-Newtonian simulations, concluding non-Newtonian effects are not of any importance

when running transient simulations. It was suggested then that the Newtonian model would be

an reasonable approximation for transient simulations of blood �ow through a human thoracic

aorta. However, as these are only preliminary results, a full study must be conducted into transient

simulations before advice on the viscosity model choice can be con�dently given.

These results agree with those found by Karimiet al.[60]. A selection of nine non-Newtonian vis-

cosity models (Casson [56], K-L [61], Modi�ed Casson [62], Carreau [55], Carreau-Yasuda [63],

Cross [64], Power Law [61], Modi�ed Power Law [65], and Generalised Power Law [66]), as

well as Newtonian, were selected to model blood �ow through the human thoracic aorta and three

major branches off the aortic arch. It was found that all models presented the same WSS distri-

bution patterns with the magnitudes varying according to the choice of model, with the exception

of the Cross model which was signi�cantly different. It was found that all models (excluding the

Cross model) had an global non-Newtonian impact factor of�I G < 0:15, suggesting Newtonian

behaviour. This lead to the conclusion that the Newtonian model is a suitable approximation to

blood �ow through a human thoracic aorta.

Similarly to the study by Caballero & La�́n [57], it was suggested by Karimiet al. [60] that the

use of the non-Newtonian models with a pulsatile �ow may not be valid, as the models' parame-

ters are calculated from steady-state viscosity experiments. The suggestion by Karimiet al. [60]

implies that the models' parameters may need to recalculated with data from transient viscosity

experiments. The study by Karimiet al. [60] neglected the effects that aortic wall deformation

would have on the blood �ow, as did the studies by Johnstonet al.[52] and Caballero & Lá�n [57],

as the walls were assumed to be rigid. This may cause the WSS to be overestimated.

A study by Qiaoet al. [67] utilised a two-phase non-Newtonian model to simulate blood within

the human thoracic aorta coupled with FSI, as it was believed that the presence of blood cells

and vessel compliance would signi�cantly in�uence the haemodynamics. It is thought that the

multi-element characteristics of blood are directly related to certain diseases, such as atherogenesis

and thrombosis. As a direct result of this, the study by Qiaoet al. [67] opted not to neglect

the shear thinning behaviour, or the red blood cells. It was determined that because of the low

volume fraction of white blood cells and platelets they can be neglected. A modi�ed Carreau-
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Yasuda viscosity model was used and transient, patient-speci�c simulations were run. The results

presented by Qiaoet al. [67] suggested that better agreement was found when validated against

experimental data with the two-phase non-Newtonian model, that with the one-phase Newtonian

and one-phase non-Newtonian. Despite the novelty of this study, there are major limitations to it.

Only one patient was studied, with the patient-speci�c geometry reconstructed from CT scan data.

The vessel wall was assumed to be linearly elastic , isotropic and homogeneous, with a uniform

thickness which is a non-physical assumption. The �ow was also assumed to be laminar, despite

a peak Reynolds number ofRe = 4892 indicating the �ow is within the turbulent regime for pipe

�ow. Qiao et al. [67] concluded that despite the additional computational time, the inclusion of

the red blood cells was necessary and provided an signi�cant increase in accuracy.

2.4.3.2 Non-Newtonian Importance Factor

The non-Newtonian importance factor, a concept introduced by Ballyket al. [53], can be used

to quantify the effects a non-Newtonian rheology model has on the WSS distribution in the do-

main. The non-Newtonian importance factor is de�ned as� ef f =� 1 , where� ef f is the effective

viscosity, and� 1 is the undisturbed dynamic viscosity, or Newtonian viscosity of the �uid. For

blood, � 1 = 0 :0345P. This initial value gives an indication of the overall signi�cance of the

non-Newtonian effects. This equation can be altered to give a local value of the importance factor,

see Equation 2.5, where� is the viscosity at any point within the �ow [52]. For a Newtonian

�ow, �I L = 1 . Any value of �I L that is notably different from 1 implies there are regions of non-

Newtonian �ow present.

�I L =
�

� 1
(2.5)

To determine a global value of the non-Newtonian importance factor, the relative difference be-

tween the viscosity and the Newtonian viscosity is determined at each point and presented as a

percentage, see Equation 2.6, whereN is the number of nodes, and� is the viscosity at each of

the nodes.

�I G =
1
N

[
P

N (� � � 1 )2]1=2

� 1
� 100 (2.6)

A cut-off value of the global non-Newtonian importance factor that differentiates between New-

tonian and non-Newtonian �ow that is commonly used for blood �ow in the thoracic aorta and

the coronary arteries is0:25, with anyI G > 0:25 being regarded as non-Newtonian �ow [52, 57,

68]. In contrast to this, a lower value of0:15 was used as the cut-off value for a study on the

thoracic aorta by Karimiet al. [60]. This value was determined by evaluatingI G at �ve instances

throughout the cardiac cycle across nine non-Newtonian viscosity models. It was found that at

the times correspondingI G = 0 :15, all non-Newtonian viscosity models produced WSS values

that were close to the Newtonian value. It was for this reason the lower value ofI G = 0 :15 was

selected as the cut-off value between Newtonian and non-Newtonian �ow. The results presented

by Karimi et al.[60] also indicated thatI G decreases as the cardiac cycle approaches peak systole,

and increases during diastole as the blood �ow begins to slow. This implies that the presence of

pulsatile �ow in the aorta has a signi�cant impact on the viscosity model being used, therefore the
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steady state results presented by Johnstonet al. [52] and Caballero & Lá�n [57] must be viewed

cautiously.

2.5 Computational Fluid Dynamics in Cardiac Medicine

CFD is a well known and common tool used in a multitude of engineering applications that has

only recently been considered for use in medical settings, however it has rapidly become invalu-

able and has been central to multiple advances and breakthroughs. Through CFD modelling, the

link between haemodynamics disturbances and atherogenesis has been well established, the de-

position of atherosclerotic plaque at arterial bends and bifurcations has been explained [69], and

the effects of WSS on endothelial homeostasis have begun to be understood [70]. By combining

CFD modelling with cardiac imaging techniques, patient-speci�c models can be constructed that

give detailed characterisation of the complex �ow patterns that arise in the human body. A study

by Morris et al. [70] reviewed the methods, bene�ts and challenges of using CFD within cardiac

medicine. It was found that CFD models have the potential to reduce the cost, risk, and time often

associated with clinical trials, and could allow for patient-speci�c modelling and virtual treatment

planning [71]. CFD provides a minimally invasive method of observing blood �ow within the

subject. A series of assumptions that are regularly incorporated into CFD modelling were detailed

by Morris et al. [70]. Many CFD models assume that the blood vessel walls are rigid, and are

not affected by the �uid, nor do they impact upon the �uid. Although false, it is a common and

an acceptable approximation as Fluid Structure Interaction (FSI) would need to be incorporated

into the model to avoid this assumption. The integration of FSI into the models would dramati-

cally increase the computational cost of each simulation, and although a useful tool for research

purposes, it is not practical to wait for an extended period of time for simulation results that are

needed for treatment planning or risk strati�cation. Section 2.6 provides a thorough discussion of

the use of FSI in cardiovascular applications. It is also commonly assumed that the �uid-geometry

boundaries are smooth. This is due to the poor resolution of the imaging techniques used in order

to acquire patient-speci�c geometry. Finally, it is regularly assumed that blood is an incompress-

ible, Newtonian �uid. Based on the �ndings by Karimiet al. [60] and Caballero & Lá�n [57], the

assumption that blood can be treated as a Newtonian �uid when in the thoracic aorta is suitable for

both steady state and transient simulations. This assumption is discussed in more detail in Section

2.4.3.1.

A study by De Jaegereet al. [72] used a CFD model of a transcatheter aortic valve replacement

(TAVR) in an attempt to predict aortic regurgitation post-surgery. The model was validated by

60 patients. Computed Tomography (CT) was used to recreate patient-speci�c 3D models of the

aorta, and the CFD results validated by post surgery echocardiography scans. It was found that

the CFD tool accurately predicted the severity of aortic regurgitation experienced by patients post

surgery when measured by either angiography or echocardiography. This study demonstrated that

using CFD to predict surgical outcomes is feasible, and that there is scope for a CFD tool to

help guide the surgeon to the best placement or size of the valve replacement. This was veri�ed

by comparing the CFD results to those from angiograms that were graded based on the severity

of aortic regurgitation that could be seen. The clinicians were blind to the CFD results, and good

agreement was found between them. However, the CFD simulations were steady state with an inlet

velocity that is representative of diastole, so it is not known how the accuracy of the predictive tool
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is affected by the variations of the cardiac cycle, including the higher velocities found at systole.

Another limitation of this study is the imaging techniques that were selected to capture the aorta:

angiography and echocardiography were selected to validate the CFD models, which are known

to be techniques of inferior quality to MRI.

Another attempt to provide a non-invasive CFD method to analyse haemodynamics in the tho-

racic aorta was created by Zhuet al. [73]. Multi-Detector Computed Tomography Angiography

(MDCTA) was conducted on 25 paediatric patients to collect patient-speci�c geometry; the peak

systolic velocity and pressure data was collected via transthoracic echocardiography and cardiac

catheterisation respectively. CFD simulations were then conducted using the patient-speci�c ge-

ometry and patient-speci�c boundary conditions applied using the transthoracic echocardiography

data and a lumped parameter model. It was assumed that blood was incompressible, Newtonian,

and the �ow laminar. The CFD simulations were steady state, with the patient speci�c velocity

from peak systole being applied to the inlet. Results suggested that the CFD methodology pre-

sented was an accurate way of obtaining �ow velocity and pressure data. It was demonstrated that

combining CFD and medical imaging has potential to be a useful tool in diagnostics. However,

a limitation of this study is that the valve morphology was not considered to in�uence the inlet

velocity pro�le, as it is known to [74]. The methodology used to collect the patient-speci�c data

was invasive, and a multitude of techniques were needed. This presents a limitation to the clinical

use of the tool. A signi�cant amount of time and effort to collect the data to run a simulation is

required; this invasive and lengthy procedure could be avoided by selecting a more appropriate

cardiac imaging technique.

Bonfantiet al.[75] also investigated the potential of combining CFD with medical imaging. It was

assumed again that blood was incompressible and laminar (a Newtonian viscosity of4� 10� 3Pa:s

was used, with mean Reynolds numbers of665 < Re < 1506, and peak Reynolds numbers of

1972< Re < 2933); it was taken that blood was a non-Newtonian �uid and the Carreau-Yasuda

viscosity model was used with the parameters taken from Gijsenet al. [76]. The vessel walls were

assumed to be rigid and a no-slip condition was applied. However, the compliance of the aorta

wall was taken into account by using a lumped parameter model at the inlet. Although applying

this boundary condition to the inlet allowed for accurate modelling of the haemodynamics in the

descending aorta, it created a large limitation as the �ow in the ascending aorta was no longer

modelled accurately, making it an unsuitable boundary condition if the ascending aorta is of inter-

est. The time-averaged WSS and the OSI, which indicates regions where the instantaneous WSS

deviates from the �ow direction giving a measure of the �ow disturbance, were calculated for each

patient and compared to commonly available medical imaging data. Although this study presented

promising results that hinted at the combination of CFD and medical imaging producing a power-

ful and convenient tool that could enhance medical understanding, it was only validated on three

subjects with the same pathology, so conclusions cannot be drawn with con�dence.

CFD modelling of the human pulmonary artery was undertaken by Bordoneset al. [77], and was

validated experimentally through a pulmonary artery phantom using Particle Image Velocimetry

(PIV), with a view to diagnosing and monitoring the mortality risk of patients with pulmonary

hypertension. The patient-speci�c geometry was acquired from CT images, and used to construct

both the phantom and the CFD geometry. During the CFD modelling, blood was assumed to be an

incompressible, Newtonian �uid and the �ow to be laminar. Results showed that the CFD mod-



24 Chapter 2

elling agreed with the experimental measurements to within 1% when �ow rates were compared,

and to within approximately5:9� 13:1%when the velocity was compared. When the shear stresses

were compared, good qualitative agreement was found, but discrepancies were evident in regions

with high velocity gradients. The results presented suggest that CFD could be utilised as a useful

tool in observing haemodynamics in individual patients. Despite the promising results, the study

by Bordoneset al. [77] is limited as a constant inlet �ow rate corresponding to the time-averaged

�ow rate determined fromin-vivo measurements was used i.e. only steady state simulations were

investigated. Another limitation of the study is in the validation as the phantom used was not fully

rigid, as the CFD model was.

A study investigating a feasible methodology to evaluate patient-speci�c left atrium blood �ow

characteristics with a view to establishing a link between left atrium remodelling (the pathophys-

iological remodelling of the left atrium structure and function, commonly as a result of abnormal

stresses such as those from obesity, hypertension, heart failure etc.) and intra-cardiac thrombosis

was conducted by Otaniet al. [78]. This was achieved through the use of CFD based on CT scan

data to provide the patient-speci�c geometry, and a Transoesophageal Echocardiogram (TEE) to

obtain blood velocity measurements and validate the CFD simulations. In order to simulate the

blood �ow, it was assumed to be incompressible, Newtonian and laminar (with mean Reynolds

numbers in the range of1100 < Re < 2400). Transient simulations were conducted with �ve

cardiac cycles being modelled for each simulation. The CFD results captured the characteristic

features of left atrium blood �ow typically observed through a TEE. The left atrium global �ow

characteristics captured through CFD were all in agreement with previous reports, and with the

�ow characteristics that are frequently observed with a transoesophageal echocardiogram.

The conclusion arrived at by Otaniet al.[78] regarding the feasibility of utilising CFD as a clinical

tool agrees with those presented by De Jaegereet al. [72], Zhuet al. [73], Bonfantiet al. [75], and

Bordoneset al. [77]. It is clearly suggested by all studies that the use of CFD within a cardiac

setting can aid in the understanding of haemodynamics and disease progression in a non-invasive

manner. Although the methodology presented by Otaniet al.[78] demonstrates the possibilities of

CFD in cardiac medicine, there are still obstacles that need to be overcome. These are evident in

the limitations of this study; FSI was neglected as there is a lack of knowledge about the material

and mechanical properties of the aorta wall. Only two patients were considered, in order for CFD

to be utilised practically within cardiac medicine larger numbers of patients, both healthy volun-

teers and those with pathologies must be included to validate the tool. The accuracy of the study is

reliant on the resolution of the CT scan used to obtain the geometry (a slice thickness of1mm was

used). The validation of this study is also severely limited as quantitative comparison between the

CFD data and the TEE data is dif�cult because of the differing physiological conditions e.g.heart

rate at the time of the TEE and CT scan.

Although the studies discussed here have demonstrated the feasibility and potential of using CFD

as a tool in cardiac medicine, all are preliminary studies and a tool has yet to be constructed that

can be used in a clinical setting. All studies discussed are in need of extensive validation on a

wider range and greater number of patients and healthy volunteers.
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2.5.1 Inlet Boundary Conditions

The choice of inlet boundary condition when using CFD in cardiac medicine is of high importance

and will greatly in�uence the haemodynamics of the vessel. Multiple studies have investigated the

impacts of idealised and patient-speci�c inlet conditions. Research conducted into the effects the

inlet velocity pro�le have on the �ow solution by Madhavan & Kemmerling [79] found that the

choice in velocity pro�le signi�cantly impacts the �ow in the immediate neighbourhood. The inlet

�ow pro�les that were examined by Madhavan & Kemmerling [79] can be seen in Figure 2.6. All

inlet conditions were pulsatile, with a waveform taken from Fusteret al. [80], and all outlets were

set to an out�ow condition. It was determined that downstream of 2 diameters distal to the inlet,

the velocity pro�le at the inlet had little impact on the �ow solution and results were qualitatively

similar, regardless of the inlet boundary condition applied. This was echoed with WSS and pres-

sure results. It was consequently recommended by Madhavan & Kemmerling [79] that if the �ow

close to the aortic valve was of interest, a patient-speci�c �ow pro�le would be superior to the

idealised ones investigated. It has also been highlighted by Madhavan & Kemmerling [79] that the

usual practice of arti�cially extending the geometry proximal to the inlet, as is common practice

when modelling the coronary arteries, is not a feasible or accurate solution to producing more

physiological inlet boundary conditions. This is due to the complex nature of thein-vivoupstream

conditions that are a present and a result of a beating heart and the subsequent movement of the

aortic valve.

Although Madhavan & Kemmerling [79] investigated a range of inlet conditions (plug, parabolic,

linear shear, and cubic shear), a patient speci�c velocity pro�le was not investigated. Simulations

of the thoracic aorta and proximal supra-aortic vessels were undertaken, using the assumption that

blood is a Newtonian, incompressible and homogeneous �uid, and the vessel walls are considered

to be rigid.

Figure 2.6. Pulsatile velocity �ow pro�les applied to the inlet by Madhavan & Kemmerling [79]. Only the
�ow pro�le at the inlet was varied, all other parameters of the CFD simulations remained constant.

Results found by Pirolaet al. [81] agreed with those found by Madhavan & Kemmerling [79] in

that the �ow in the proximal ascending aorta, close to the inlet itself, is heavily in�uenced by the

inlet condition. Pirolaet al. [81] stated that the peak and mean velocities were underestimated by

up to 41% when the boundary conditions are simpli�ed. It was therefore concluded that a patient-
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speci�c boundary condition derived from a 3-dimensional PC-MRI scan is essential to predicting

the �ow patterns and haemodynamics in the ascending aorta and aortic arch.

A study by Yousse�et al. [74] investigated the in�uence patient-speci�c in�ow velocity pro�les

at the aortic valve have on the haemodynamics in the thoracic aorta. The patient-speci�c �ow

pro�les were compared to idealised �ow pro�les that are based on the patients waveform, speci�-

cally parabolic and plug pro�les, which are commonly used inlet pro�les. For all in�ow velocity

pro�les, pulsatile �ow was implemented to replicate the full cardiac cycle. The thoracic aorta of

two patients (1 healthy TAV, and 1 BAV) were reconstructed from Magnetic Resonance Angiog-

raphy (MRA) data, and the patient-speci�c velocity pro�les just above the aortic valve obtained

through MRI scans. Similarly to the majority of cardiovascular CFD studies, blood was assumed

to be incompressible, Newtonian, and the �ow laminar. It was found that implementing idealised

�ow pro�les signi�cantly altered the velocity patterns and produced inaccurate haemodynamics

in the thoracic aorta. In conjunction to the altered velocity patterns, it was found that idealised

in�ow velocity pro�les underestimated the velocity magnitude, the radial component of velocity,

the helicity, and the complex �ow. Figure 2.7 demonstrates how a parabolic and plug velocity

pro�le signi�cantly simplify the inlet boundary condition.

(a) Patient-speci�c (b) Parabolic (c) Plug

Figure 2.7. In�ow velocity pro�les implemented by Yousse�et al. [74]; patient-speci�c (a), parabolic (b),
and plug (c), at peak systole for a patient with BAV.

The complexity of the aortic valve, combined with its susceptibility to pathological changes im-

plies that the in�ow velocity pro�le is remarkably variable and subject to change. It therefore

follows that any CFD analysis must take this variability into account and incorporate fully patient-

speci�c boundary conditions to produce results that are accurate and can be used for diagnosis,

risk strati�cation, and monitoring of disease progression. It is therefore inappropriate to imple-

ment idealised in�ow velocity pro�les that do not take into account the valve morphology when

studying the haemodynamics in the thoracic aorta of both healthy and diseased subjects [74].

2.5.2 Outlet Boundary Conditions

The boundary conditions that are applied to the outlets when modelling the thoracic aorta have a

signi�cant impact on the haemodynamics within the vessel. Applying a boundary condition that

can accurately replicate the physiological behaviour found at the distal ends of descending aorta

and supra-aortic vessels is challenging, due to the complex nature of the cardiovascular system

that extends beyond the limits of the vessel being modelled.
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2.5.2.1 0-Pressure

A simplistic boundary condition that is frequently applied to the outlet at the inferior descending

aorta is a 0-pressure boundary condition, which has been implemented in simulations for research

conducted by Kimuraet al. [82], Callaghan & Grieve [83], and Soudahet al. [84]. However,

research by Pirolaet al. [85] found that CFD simulations that utilise 0-pressure conditions at the

inferior descending aorta did not capture the �ow patterns in the descending thoracic aorta, prox-

imal to the outlet, that are otherwise found using PC-MRI data, whilst also predicting lower �ow

velocities by up to52%. A 0-pressure boundary condition is less frequently applied to the supra-

aortic vessel outlets; it was also found by Pirolaet al. [85] that the use of 0-pressure conditions

at the supra-aortic branches signi�cantly underestimated the �ow volume that exited through the

vessels. The use of a 0-pressure condition at the outlets resulted in pressure values that were

nonphysical, and produced notable differences in Time Averaged Wall Shear Stress (TAWSS) and

OSI measurements. It can therefore be assumed that for the outlets at the supra-aortic vessels a

0-pressure boundary condition is not suitable, and is not a suitable boundary condition for the de-

scending aorta outlet if the descending aorta is the area of interest as it will produce non-physical

haemodynamics. However, provided the ascending aorta is the region of interest, a 0-pressure

outlet boundary condition at the distal end of the descending aorta may be suitable.

2.5.2.2 Out�ow

To rectify the issue of a 0-pressure boundary condition underestimating the �ow volume leaving

the domain through the supra-aortic vessels, an out�ow boundary condition can instead be applied

at the outlets. Out�ow conditions allow for the appropriate �ow volume to leave through each

outlet based on the cross-sectional area of the vessel. It is a commonly applied boundary condition

when there are branches present in the vessels of interest, such as at the supra-aortic vessels [57,

84], the iliac bifurcation [86], or the coronary arteries [36]. Although the volume of �ow leaving

the domain through each outlet can be corrected using this boundary condition, the impact of the

systemic circulatory system distal to the outlets is not taken into account, despite being known to

impact the �ow within the vessel. As an out�ow condition is still therefore a simpli�cation of the

�ow, large discrepancies can still be found in the descending aorta, proximal to the outlet [79].

A signi�cant limitation of the out�ow condition is that prescribing a pressure for each outlet will

cause the �ow split to be entirely determined by the resistance to the �ow of the branches being

modelled in the domain of interest, entirely neglecting the dominant resistance of any vessels

downstream of the domain of interest [87]. This limitation is also present to a more severe degree

when a 0-pressure condition is applied.

The main de�ciencies of the 0-pressure and out�ow boundary conditions are their inabilities to

take into account the systemic circulatory system that is present distal to the outlet planes and the

compliance of the vessel itself; known as the Windkessel effect.

2.5.2.3 Windkessel Models

The aorta is known to be an elastic vessel [88], and as such, at the end of ventricular contraction

(systole) the pressure within the aorta falls at a slower rate than within the left ventricle. This

occurs as the elastic vessel acts as a reservoir over the course of systole, expanding to store a

portion of the blood that is ejected from the valve in the periphery of the vessel [89], as shown in
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Figure 2.8a. Over diastole, as the valve closes and the �ow ejected from the valve falls to zero,

the blood stored by the vessel wall �ows through the vessel as it contracts, providing a continuous

�ow of blood through the circulatory system from the periodic �ow exiting the left ventricle. This

is demonstrated in Figure 2.8 and is known as the Windkessel effect.

(a) Systole: the valve is open and blood �ows through
into the aorta, as the vessel is compliant the artery
wall distends and 'stores' a fraction of the blood
ejected.

(b) Diastole: the elastic rebound of the artery wall
results in a force being applied to the blood in the ar-
teries, continuing to drive blood through the vessels.

Figure 2.8. Schematic demonstrating the Windkessel effect in compliant arteries. Solid lines represent the
vessel walls at that stage of the cardiac cycle, dashed lines represent the vessel wall location at the previous
stage. Red arrows represent the movement of blood.

The Windkessel effect is analogous to an electric circuit, demonstrated by Figure 2.9. The blood

�ow can be thought of as the current, the arterial compliance as a capacitor, the peripheral re-

sistance as a resistor arranged in parallel, and the blood pressure as the electrical potential. The

resistance in the arterial system can be attributed mainly to the smaller vessels and arterioles whilst

the compliance can be attributed to the elasticity of the vessel of interest. By combining the re-

sistance of all the smaller vessels and arterioles, the peripheral resistance (R) of the systemic

circulatory system can be found [90]. The compliance (C) can be determined through adding the

compliance of all the vessels together [90].

(a) Two-element (b) Three-element

Figure 2.9. A two-element Windkessel model (a) and a three-element Windkessel model (b).
C=compliance, R=peripheral resistance, Rc=characteristic resistance.

Pulse pressure is a major indicator of mortality and morbidity [91, 92], and as arterial compliance

will affect the pulse pressure it follows that the arterial compliance is of great importance and
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should be accounted for in the boundary conditions of any cardiovascular modelling if clinical

conclusions are to be drawn. The size and complexity of the systemic circulatory system prevents

a three dimensional model of the arterial tree being integrated into the model of the thoracic

aorta. However, the consequences of neglecting the downstream circulatory system are severe and

causes inaccuracies in the predictions of the velocity and pressure within the aorta [87]. To take

into account the resistance of the downstream vascular bed and the compliance of the vessel, a

Windkessel model can be applied to the outlets within the domain of interest. This applies high

�delity modelling to the domain of interest, whilst concurrently applying a simpler model to the

outlets to represent the arterial tree downstream and the compliance of the vessel.

The original two-element Windkessel model proposed by Frank [93] describes the arterial system

using two parameters that have physiological meaning (R andC), whilst the more accurate three-

element Windkessel model incorporates the characteristic resistance (Rc), placed in series to the

pre-existing parallel network (Figure 2.9). This accounts for the combined compliance and iner-

tance of the proximal ascending aorta at the valve location. Using the three-element Windkessel

model, Equation 2.7 is produced which can be used to obtain the outlet pressure. The two-element

Windkessel model is identical, not including the characteristic resistance (Rc) term.

@p
@t

+
p

CR
=
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R

�
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The original two-element Windkessel is known to poorly predict the relationship between the pres-

sure and the blood �ow across the systolic period [94–97], however behaves similarly to the three-

element during diastole [90]. The three-element Windkessel model overall predicts pressures that

are close to the measured values, generally performing better than the two-element Windkessel. It

can therefore be concluded that the three-element Windkessel model is a necessary improvement

to the two-element Windkessel. A four-element Windkessel model has been proposed and used in

some research studies [98], however the additional element that is incorporated, the inertance, that

is placed in series with the characteristic resistance, is challenging to calculate. This severely lim-

its the use of the four-element Windkessel model. It has been concluded by Westerhofet al. [90]

that the four-element Windkessel model is not an improvement on the two-element Windkessel

model.

The resistance (R) and the characteristic resistance (Rc) of each outlet must be determined in

order to implement the three-element Windkessel model at each outlet. They are calculated from

the following [14, 99]:

Rtotal =
P
Q

=
� X

i

1
Ri

� � 1
(2.8)

WhereRtotal is the total resistance in the vascular system,P is the mean arterial pressure,Q is

the mean �ow, andRi is the total resistance of each individual outlet comprised of the resistance

and characteristic resistance for each outlet (Ri = Rc + R), and is calculated using Equation 2.9.

Rtotal

Ri
=

A i

A total
(2.9)
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WhereA total is the total cross sectional area of all the outlets within the domain, andA i is the cross

sectional area of the individual outlet. A ratio between the characteristic resistance and the total

resistance is assumed [100], allowing the resistance and characteristic resistance of each outlet to

be determined.

Rc

Rc + R
= 0 :056 (2.10)

The total arterial compliance (C) can be determined through multiple methods [90], with the most

straightforward methods listed below. The arterial pressure must be a known parameter in each

method.

Thedecay time method[93] assumes the decrease of the aortic pressure during diastole is equal to

the decay time,RC, see Equation 2.11. This assumes that the pressure will decay to a negligible

value. However this is not always appropriate, in which case a better �t for the aortic pressure

decay time can be found in Equation 2.12.

P(t) = P0e
� t
RC (2.11)

P(t) = P0e
� t
RC + P1 (2.12)

Thestroke volume over pulse pressure method[101, 102] assumes that if the peripheral vascular

system was blocked, then the stroke volume (� V ) would increase the pressure by� P, the ratio

of which gives the total arterial compliance, see Equation 2.13. Due to the simplistic nature of this

method, it is thought to overestimate the vessel compliance by up to60%[103, 104].

C =
� V
� P

(2.13)

The area method[105] calculates the decay time during diastole as the area under the diastolic

aortic pressure curve (P) divided by the pressure difference between the start time (P1) and end

time of diastole (P2), demonstrated with Equation 2.14.

RC =
Z t2

t1

P
P1 � P2

dt (2.14)

The three-element model is commonly used as an outlet boundary condition in 4D-Flow MRI

based CFD simulations, and has been extensively validated and used [14, 81, 106–109]. No-

tably, in research conducted by Madhavan & Kemmerling [79], it was found that in terms of

time-averaged WSS, both the two- and three-element Windkessel models differ from the out�ow

boundary condition (based on volumetric �ow percentages like that used by Caballero & La�́n

[57]) by as much as 18%. However, it must be noted that despite this large variation, upstream

of �ve diameters proximal to the outlet the variations between outlet boundary conditions was

insigni�cant.

This agrees with results presented by Pirolaet al. [85] where �ve combinations of boundary con-
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ditions were investigated and it was found that a three-element Windkessel model should be the

preferred outlet boundary condition choice for patient-speci�c CFD modelling of the aorta. The

boundary condition combinations used can be seen in Table 2.1. Although it was found that there

were signi�cant differences in �ow patterns between the varying boundary conditions, these were

present in the descending aorta. The ascending aorta was not investigated. From qualitative im-

ages presented by Pirolaet al. [85] it can be seen that the TAWSS and OSI appear similar in the

ascending aorta and aortic arch, not including the supra-aortic vessels, regardless of the outlet

boundary condition selected.

Case Inlet Supra-Aortic
Branches

Outlet

1 3D P-S velocity
pro�les

3-E WM 3-E WM

2 3D P-S velocity
pro�les

3-E WM P-S pressure
waveform

3 3D P-S velocity
pro�les

Mass �ow
waveforms

P-S pressure
waveform

4 3D P-S velocity
pro�les

Mass �ow
waveforms

0-pressure

5 3D P-S velocity
pro�les

0-pressure 0-pressure

Table 2.1.Boundary condition combinations for the inlet, supra-aortic branches, and outlet investigated by
Pirolaet al. [85]. P-S=patient-speci�c, 3-E WM=3-Element Windkessel Model.

2.5.3 Turbulence Modelling

It is commonly known that the normal condition for blood �ow through most blood vessels in the

human body is laminar, but it may become transitional or turbulent in pathological cases, such

as distal to stenotic valve or stenotic vessel, or when there is an assistive device present [7, 110].

Turbulent �ow is also found at the bifurcations of large vessels, and in the ascending aorta at high

systolic ejection velocities. This turbulent �ow can cause an increase in Energy Loss (EL) and an

increased pressure drop [110]. It had also been suggested that a patient with BAV may experience

higher levels of WSS and turbulence than a healthy TAV volunteer, these increased levels may

play a signi�cant role in amplifying the biological response of the ascending aorta and the aortic

valve lea�ets [111].

There is little consensus on how pulsatile �ow, such as that within the cardiovascular system,

impacts the transition to turbulence within pipe �ow, such as a blood vessel. It is commonly

reported that the transition threshold monotonically increases as the pulsation frequency increases

(i.e. the Womersley number,� ) [112–115], however other studies report a decreasing threshold

for identical parameters and only observe an increasing threshold for low values of� [116, 117].

The Womersley number of a pulsatile �ow in a pipe can be determined using Equation 2.15, where

L is the length scale (vessel radius),! is the angular frequency,� is the density of the �uid, and

� is the dynamic viscosity. It is a dimensionless number representing the relationship between the

pulsatile �ow frequency and the viscous effects. It can also be taken that a Womersley number

of � � 1 will produce a more parabolic, or sharp velocity pro�le, whilst a Womersley number of

� � 10produces a much broader velocity pro�le, becoming closer to a plug pro�le.
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It was found by Xuet al.[118] that the transition to turbulence of pulsatile �ow can be categorised

by three regimes. The high frequency regime (� � 12) is de�ned as the regime where the transition

to turbulence is unaffected by the pulsation and turbulence is sustained as the Reynolds number

is equal to or larger than the steady state threshold. The low frequency regime (� � 2:5) can be

de�ned as the regime in which the Reynolds number �uctuations are suf�ciently slow such that

the turbulent structures are able to react, the transitional thresholds within this regime are higher

than in the high frequency regime, whilst transition to turbulence is delayed when compared to

steady-state transition the turbulence. The third regime described by Xuet al. [118] states that

when2:5 � � � 12 the transition to turbulence threshold changes smoothly between the regimes.

Within a blood vessel network, it can be assumed that the angular frequency (! ), the density

(� ), and the dynamic viscosity (� ) remain somewhat constant. However, the radii of the vessels

changes signi�cantly, with up to three orders of magnitude difference between the large blood

vessels and the capillaries. As the radius of the vessel reduces, the Womersley number reduces,

tending towards� = 1 in the small vessels. In these vessels, the �ow is governed more by the

viscous effects than the pulsatility of the �ow. This is known as microcirculation [119].

A study by Miyazakiet al. [120] investigated the effects that three turbulence models had on

the blood �ow in the thoracic aortic in two patients; one healthy adult and one paediatric patient

with a double aortic arch. The WSS and EL were validated and compared for both patients and all

three turbulence models to 4D-Flow MRI data. The turbulence models that were investigated were

laminar, Large Eddy Simulation (LES) using the Smagorinsky-Lilly model, and RNG k-epsilon

(k-" ). It was found that the RNG k-" and LES simulations produced higher values of WSS and

EL than the laminar simulation, as expected, due to eddy viscosity. It was also determined that

the LES model did not agree with the data as well as the k-" did as a result of the grid size that

was being used. The grid size required to model the smallest of eddies is of the order of tens of

micrometers (of the same scale as the leukocytes within the �uid). The grid size used in the LES

simulations was the same as that used in the RANS simulations and therefore it was too large to

compute the smallest eddies; LES saw a decreased correlation between the CFD results and the

4D-Flow MRI results. Miyazakiet al. [120] concluded that although the accuracy of the CFD

simulation was improved by the inclusion of a turbulence model, the RNG k-" turbulence model

showed the highest correlation with the 4D-Flow MRI.

Ziegleret al.[121] conducted a study in which LES was used to capture the turbulent effects within

the thoracic aorta. Simulations were run on two patients, and two inlet �ow rates used for both

patients. The blood �ow was assumed to be Newtonian, non-pulsatile, and a blunt (plug) velocity

pro�le was used. The resolution of the grid used was much higher than that used by Miyazakiet al.

[120]; approximately three million cells were used compared to the one million used by Miyazaki

et al. [120]. Due to the increased grid resolution, LES is an appropriate choice of turbulence

modelling, as it resolves the larger eddies whilst computing the isotropic smaller eddies which are

not dependent on the geometry using a subgrid-scale model, such as the Smagorinsky-Lilly [122],

as in Miyazakiet al. [120] or WALE [123] as in Ziegleret al. [121]. As the larger eddies contain

the majority of the turbulent energy, and are responsible for the majority of the momentum transfer
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and turbulent mixing, LES is a more accurate turbulence method than most. Ziegleret al. [121]

concluded that the LES method of modelling the turbulence produced results that agreed well with

4D-Flow MRI results.

Another study of the haemodynamics of the thoracic aorta was conducted by Hellmeieret al.

[18]. In order to model the turbulence that is experienced in the thoracic aorta both pre- and post-

valve replacement, the k-! SST [124] turbulence model was used. The k-! SST turbulence model

was also implemented by Nordmeyeret al. [125], where haemodynamics of the thoracic aorta

both pre- and post AVR were investigated, and steady-state simulations of peak systole run. The

k-! SST turbulence model is a two-equation RANS turbulence model, where k is the turbulent

speci�c energy, and! is the speci�c dissipation rate. The standard k-! turbulence model predicts

well in the near wall region, so is well suited to �ows where the boundary layer is important, such

as cardiovascular applications, where WSS is a key parameter. The k-! SST model blends the

accuracy of k-! turbulence model in the near wall region with the free-stream independence of

the k-" turbulence model. This ensures that the k-! SST model is accurate for a wider range of

�ows than the standard k-! model. A large bene�t of using a RANS turbulence model over LES

and DNS is the mesh resolution: a coarser mesh can be used, reducing the computational cost of

the simulation. Shorter simulation times are bene�cial if patient-speci�c CFD simulations are to

be used in diagnosis and treatment planning.

2.5.4 4D-Flow MRI based CFD

A series of preliminary studies have been conducted combining CFD and 4D-Flow MRI. Biglinoet

al. [126] conducted a preliminary study intended to show the potential role CFD and 4D-Flow MRI

can play in cardiac medicine by investigating thein-vitro haemodynamics of the thoracic aorta in a

patient-speci�c �ow phantom with the congenital heart defect, Transposition of the Great Arteries

(TGA). In all CFD simulations, it was assumed that the �ow was Newtonian and laminar, with

rigid walls and no-slip conditions applied. A time-varying velocity function was applied to the

inlet, to replicate the cardiac cycle.In-vitro experimental pressure data was recorded by a high-

�delity �bre-optic pressure sensor placed in the aortic arch. Mean pressure and �ow data were then

compared at intervals throughout the cardiac cycle (representing early systole, peak systole, late

systole, and diastole). Good quantitative agreement was found between the two methods in terms

of pressure and �ow distribution data, and good qualitative agreement was found when streamlines

throughout the cardiac cycle were plotted using both methods. Although it is clear the combination

of CFD and 4D-Flow MRI can be used to improve the understanding ofin-vivo haemodynamics,

limitations of the study prevent any clinical conclusions being drawn: only two subjects were used

and the �uid modelled in the CFD models was water, which is not representative of blood as a

�uid as the physical properties of water vary from those of blood.

Research conducted by Hellmeieret al. [18] used both 4D-Flow MRI and CFD to observe how

the haemodynamics in the aorta were affected by a virtual valve replacement. Simulations were

conducted using thek � ! SST turbulence model, blood was assumed to be incompressible and

the non-Newtonian generalised power law was used to model the viscosity. Only steady state

simulations were run, which limits the study as the full cardiac cycle was not modelled. However,

the inlet velocity selected replicated peak systole so modelled the highest velocities and forces

experienced during the cardiac cycle. It was found that the haemodynamics and �ow patterns,
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and therefore the choice in valve replacement (either biological or mechanical), were affected by

patient speci�c conditions. It was also determined that CFD based on 4D-Flow MRI may be a

useful tool in surgical decision making, agreeing with the conclusions of Biglinoet al. [126].

However, the study was validated on only 10 subjects so any conclusions of a clinical nature may

be insuf�ciently robust. The predictive capabilities of the CFD simulations were not validated

against post-AVR 4D-Flow MRI scans as they were not available, again limiting the robustness of

any clinical conclusions. Another limitation of the study is that the �uid-structure interactions of

the valves was neglected, and the AVR's were assumed to be open during the simulations.

Kimura et al. [82] conducted a study to observe the WSS distribution using 4D-Flow MRI based

CFD in patients with BAV. During all CFD simulations, blood was treated as an incompressible,

Newtonian �uid, with no turbulence model used. The aorta walls were treated as rigid with a

no-slip condition applied, and with a zero pressure condition applied at the outlet. The simulation,

run over 4 cardiac cycles, concluded that 4D-Flow MRI based CFD assessment of patient-speci�c

haemodynamics is a feasible methodology. This study did not consider post surgical haemody-

namics, or the various fusion patterns possible with BAV and as such it is only a preliminary study

and cannot be used to draw clinical conclusions. Another severe limitation of this study is that the

�ow for all BAV patients was turbulent, but no turbulence model was used in the CFD simulations

as selecting the correct model was deemed too challenging.

Another attempt to investigate the use of 4D-Flow MRI based CFD was conducted by Miyazakiet

al. [120] on two subjects with a double aortic arch as discussed in Section 2.5.3. CFD simulations

were conducted for a range of turbulence models, including laminar, RNGk � � , and LES. The

WSS and energy loss were selected to be compared to 4D-Flow MRI results. It was found that

the WSS was underestimated by the 4D-Flow MRI in the smaller vessels, and both the WSS and

energy loss were less than half of that predicted by the CFD simulations. It was concluded that

the spatial and temporal resolution of 4D-�ow MRI was not �ne enough to capture accurately

the WSS and energy loss in the aorta, however it provides the only method of measuring blood

�ow in-vivo. The results presented by Miyazakiet al. [120] reveal that there is good correlation

between CFD and 4D-Flow MRI in the distal portion of the aorta, but not in the proximal. This was

suggested to be a result of insuf�cient boundary conditions, as �ow in the distal aorta is governed

primarily by the curvature of the aortic arch, whereas �ow in the proximal section of the aorta

is governed primarily by the inlet conditions. This study was therefore limited by the choice of

inlet conditions. Although the boundary conditions were patient-speci�c, they did not accurately

represent the cardiac cycle - only peak systole was simulated, and a �at pro�le was used. The lack

of ventricular contraction in the inlet conditions was found to have a large impact on the helical

�ow patterns.

A study by Soudahet al. [84] evaluated the blood �ow features in the thoracic aorta through

a combination of CFD and 4D-Flow MRI. The WSS was selected to be compared as it can be

used as a diagnostic marker in arterial disease and plays a signi�cant role in the initiation and

progression of many cardio-vascular diseases. In agreement with Miyazakiet al. [120], it was

found that the 4D-Flow MRI did not accurately capture the WSS due to the limited resolution of

the scans. As a consequence of the poor resolution, 4D-Flow MRI was instead used only to get the

spatial domain and the boundary conditions for the CFD simulations. The CFD simulations used

the familiar assumptions of an incompressible, Newtonian �uid with no turbulence modelling. The
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peak systolic Reynolds numbers in the AAo, DAo and AAo were in the range of3400 < Re <

4500, which would categorise the �ow as transitional to turbulent, meaning neglecting a turbulent

model may not be appropriate. The blood vessel walls were assumed to be rigid with a no-slip

condition applied, and a uniform inlet velocity applied that replicated the velocity present at peak

systole. The main limitation to this research is that the haemodynamics of only one patient were

investigated so conclusions of clinical signi�cance cannot be drawn. Another signi�cant drawback

is that only steady-state simulations were run, so the effects of a pulsatile inlet condition were not

investigated, nor was diastole.

A study conducted by Perinajovaet al. [127] investigated the reliability of WSS measurements

from 4D-Flow MRI based CFD simulations. The WSS depends on an accurate vessel wall lo-

cation, however current commercial and research methodologies rely on manual segmentation to

extract a patient-speci�c geometry. The study involved 10 patients, with the segmentation process

occurring 4 times for each patient. The same boundary conditions were applied to each segmenta-

tion attempt of each patient and steady-state simulations at peak systole were run. It was concluded

by the authors that the calculated WSS values were strongly in�uenced by any variations in seg-

mentation. Through conducting a voxel-by-voxel analysis of the results, when compared with

4D-Flow MRI data, it was found there was only qualitative agreement. It was therefore concluded

by the authors that it is best to be critical of WSS results from MRI-based CFD simulations to

avoid misinterpreting the results.

Research by Jayendiranet al. [128] utilised 4D-Flow MRI based CFD to evaluate the in�uence

eccentricity and aortic valve phenotype (BAV vs. TAV) had on the haemodynamics of a Ascending

Thoracic Aortic Aneurysm (ATAA). The study involved �ve adult ATAA patients with BAV, �ve

adult ATAA patients with TAV, and two healthy adult volunteers. Good qualitative agreement

was found between the time-averaged CFD results and 4D-Flow MRI data in terms of velocity

pro�les across a plane in the axial direction. Good agreement was also found between the CFD

results and the 4D-Flow MRI data in terms of the calculated �ow eccentricity. Through the use

of the 4D-Flow MRI based CFD simulations, it was concluded that �ow eccentricity at the aortic

root is a major contributing factor to the haemodynamics in ATAA's, regardless of whether or not

the patient had BAV or TAV. This study clearly demonstrates that through combining CFD and

4D-Flow MRI techniques, medical advances and breakthroughs can be made.

As discussed by multiple studies, the spatial and temporal resolution of 4D-Flow MRI scan data

are a large limitation to the accuracy of the data. The 4D-Flow MRI scan data is also affected by

acquisition noise and �ow artefacts. Research by Bakhshinejadet al. [129] proposed a methodol-

ogy to run patient-speci�c CFD simulations based on 4D-Flow MRI images that addresses these

three common limitations to merging the techniques, and that therefore reconstructs de-noised,

divergence free, and high resolution �ow �elds. The proposed methodology uses Proper Orthog-

onal Decomposition (POD) to construct the orthonormal basis of the local sampling of the space

of all possible solutions to the �ow equations for both the lower resolution grid of the 4D-Flow

MRI data and the higher resolution mesh of the CFD mesh. From this, a low-resolution, de-noised

�ow is obtained, before ridge regression is then used to create a high-resolution, de-noised, di-

vergence free solution to the �ow. When applied to a resolution similar to the 4D-Flow MRI, the

POD method created maintained the smaller �ow structures better than other CFD methods as well

as eliminating the acquisition noise. Additionally, when applied to a higher resolution the POD
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method was also shown to successfully recreate details that were previously not visible at lower

resolutions. Bakhshinejadet al. [129] concluded that the POD method improves the accuracy of

the �ow-derived parameters that can be used to draw clinical observations.

2.5.5 Predicting Post-Surgical Outcomes with CFD

An effort to utilise �uid dynamics to help predict post-operative haemodynamics was made by

Barettaet al. [130]. The objective of the study by Barettaet al. [130] was to perform virtual plan-

ning of surgical repairs (total cavopulmonary connection, TCPC) in a patient with a congenital

heart defect resulting in a unidirectional heart, meaning the patient has a bidirectional cavopul-

monary anastomosis. Using MR images the patients pre-operative state was reproduced, and a

multi-scale closed loop approach to modelling was taken. The boundary conditions were calcu-

lated through a complex lumped parameter network of the entire circulatory system based on pre-

vious work [131, 132]. Implementing a lumped parameter model to calculated the boundary con-

ditions removes the uncertainty that is often introduced into patient-speci�c simulations through

the inlet and outlets. However, it must be noted that to replicate the entire circulatory system

an extensive lumped parameter model was required (21 blocks), see Figure 2.10a, signi�cantly

increasing the complexity of the simulations. Alongside this, the complexity of the reproduced

geometry must also be evaluated; the model included the superior vena cava, the right and left

pulmonary arteries, and 22 pulmonary branches. Therefore the practicality of using this method

to help clinicians predict post-operative outcomes is severely reduced because of the increased

complexity.

Transient simulations were run, taking approximately 1.5days per cardiac cycle. Blood was as-

sumed to be a Newtonian, homogeneous �uid with a viscosity of� = 0 :004kgms� 1 and a density

of � = 1060kgm� 3. The vessel walls were assumed to be rigid. Three surgical approaches to a

TCPC were simulated, whilst also investigating the impacts of exercise. The authors found that

using pre-operative caval �ows for post-operative boundary conditions was not appropriate, and

that negligible differences in terms of global circulatory parameters were found between the three

surgical approaches. It was noted that although the results are in line with recent literature stud-

ies, the improved clinical outcome of utilising a Y con�guration TCPC was not yet demonstrated,

therefore more research is needed to correlate the results from the multi-scale model to clinical

outcomes. The methodology must also be applied to multiple patients to ascertain its usefulness

as a clinical tool. Despite this, the study has successfully demonstrated how CFD can be utilised

to predict post-surgical outcomes.

Similarly to research by Barettaet al.[130], Kunget al.[133] developed two multi-scale computa-

tional models of paediatric patients (5 months and 6months old) with three dimensional models of

the region of interest and closed loop systemic lumped parameter networks created with patient-

speci�c data to model the boundary conditions. A 3D anatomical model was constructed using

commercial software and contrast enhanced MRI data. The lumped parameter network used can

be seen in Figure 2.10b, where only 5 main blocks were used to model the heart, upper and lower

body vasculatures, and the left and right pulmonary vasculatures outside of the 3D models. Virtual

surgery was performed on the two models before post-operative simulations were conducted by

altering the geometry, and increasing the heart rate and decreasing the vascular resistance. It was

found that virtually performing the same surgery in two patients can lead to difference haemody-
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(a) Lumped parameter network coupled to the 3D anatom-
ical region by Barettaet al. [130] to model the entire cir-
culatory system beyond the surgical TCPC.

(b) Lumped parameter network coupled to the 3D anatom-
ical region of the surgical junction by Kunget al. [133] to
model the heart, upper and lower body vasculatures, and
the right and left pulmonary vasculatures.

Figure 2.10.Lumped parameter networks that are coupled to 3D models to replicate the circulatory system,
allowing for a multi-scale, closed loop modelling approach.

namics within the blood vessels, highlighting the importance of individualised treatment planning

and surgery. Blood was assumed to be a Newtonian �uid with a density of� = 1060kgm� 3 and a

viscosity of� = 0 :004kgms� 1. The vessel walls were taken to be rigid, and 12 cardiac cycles run

and results taken from the last one. The research agreed with that by Barettaet al. [130] in that

the ability of multi-scale modelling to reproduce patient-speci�c �ow and predict post-operative

�ow has been shown. It was concluded that patient-speci�c modelling can be used to show any

physiological changes that may occur and are associated with different clinical conditions. How-

ever, more validation is required against clinical data andin-vitro data. There was also a lack of

clinical data to allow for precise modelling of the changes in the physiological parameters from

the pre- to post-operative state. The spatial resolution of the MRI acquisition must also be noted to

be only1mm � 1mm � 2mm; relatively coarse when considering the age and size of the patients

participating in the research.

A review of utilising computational predictive modelling to help understand the biomechanical

implications of a TAVR and to help pre-operatively predict the risks that are associated with the

devices was conducted by Esmailieet al. [134]. In agreement with the conclusion with multiple

studies [130, 133] it was highlighted that reduced order modelling can be used to signi�cantly

reduce the high costs and times that are currently required for computational predictions.

Dowling et al. [135] demonstrated the used of patient-speci�c computational modelling to predict

the long term outcomes after a TAVR, with the goal of identifying which patients are at risk of
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long term adverse outcomes. 203 patients were studied and post-operative CFD simulations run.

It was found that the patients identi�ed through CFD as at risk or long term adverse outcomes

due to a signi�cant level of para-valvular regurgitation had a higher rate of death than any other

group of patients at 2 years post-surgery, suggesting patient-speci�c CFD simulations can help to

identify at risk patients.

2.6 Fluid-Structure Interactions

The radius of the aorta varies by approximately10%as a direct result of forces being exerted on the

vessel walls by the blood �ow during the cardiac cycle [136]. This substantial vessel compliance

culminates in a complex FSI problem. Over the past two decades, FSI has become an important

tool within cardiovascular engineering and its use in patient-speci�c surgical planning is now

feasible. It is hypothesised that FSI is to become the 'gold standard' of numerical modelling in

cardiac medicine [137]. However, patient-speci�c FSI simulations do not come without a spectrum

of dif�culties: primarily that biological tissue is anisotropic and decidedly non-linear. The material

properties of the vessel wall are highly dependent on the patient, the region of the vessel being

investigated, the type of vasculature, and any pathology present. The presence of the aortic valve

must also be considered if the thoracic aorta haemodynamics are to be modelled thoroughly. An

example of how FSI can be of use in clinical settings is through the monitoring of WSS. WSS is

known to be a parameter of signi�cance in a range of cardiovascular pathologies, in both diagnosis

and monitoring progression, as discussed in Section 2.2.6. However, direct measurement of WSS

in-vivo is infeasible. The use of FSI to measure WSSin-silico allows clinicians to make treatment

decisions and monitor disease progression on a patient-speci�c basis in a non-invasive manor on

a more physiologically accurate model than when using conventional CFD.

A common approach to incorporating FSI in cardiovascular applications, speci�cally the thoracic

aorta, is the Arbitrary Lagrangian Eulerian (ALE) formulation - a partitioned, conforming mesh

method. In a partitioned FSI approach the �uid and structural domains are treated independently,

each with a separate set of governing equations and separate mesh. As the domains are indepen-

dent of each other, an interface is necessary between the domains to allow the transfer of data at

every time step; the inner intima is selected to be this interface in applications involving the vessel

wall. By ensuring the mesh density of the domains are matched along the inner intima, interpola-

tion errors can be minimised. Both domains must be re-meshed at each time step as the geometries

change. This leads to a high computational cost. Therefore, a signi�cant effort has been made to

automate this process. An automated ALE formulation is known as a conforming mesh method.

An advantage of partitioned FSI approaches is they facilitate the use of advanced CFD and Finite

Element Analysis (FEA) techniques that have been developed separately [137].

Monolithic approaches contrast to partitioned approaches as they involve the �uid and structural

domains being meshed together. A single set of governing equations is then applied to both do-

mains concurrently. This means higher accuracy simulations at the cost of a more computation-

ally expensive simulation when compared to loosely coupled (one-way coupled) partitioned ap-

proaches. For cardiovascular applications, a popular monolithic approach is the Immersed Bound-

ary (IB) method [138]. This method is frequently used for studies that model the heart valves in

detail. The IB method is often selected as the valve lea�ets are thin and the deformation expe-

rienced is considerable [137, 139], see Section 2.6.2 for a more in-depth discussion. Within the
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IB method, the �uid domain is considered using an Eulerian coordinate system, while the solid

domain is considered using a Lagrangian coordinate system.

The method by which data is exchanged between the �uid and structural solvers must also be

considered. This coupling at the interface of the domains is either one- or two-way. In a one-way

coupled system, the �uid and structural domains are solved in series. The solution of one domain

is used as either an initial or boundary condition for the other domain [140]. However, one-way

coupled systems do not capture the full exchange between the �uid and structure. They do not

allow transient problems to be solved, and as the body deforms the mesh does not adapt which

leads to highly skewed elements. When there are large deformations (such as at the heart valves)

the highly skewed elements lead to unstable solutions that present dif�culties in converging, and

are prone to errors [137]. As the �ow through the cardiovascular system is inherently transient, it

can be inferred that a one-way coupling is not a suitable method for haemodynamic applications.

Despite the indisputable drawbacks to one-way coupled system, the numerical models produced

are simpler and necessitate far fewer computational resources than two-way coupled systems. In

a two-way coupled system the �uid and structural domains are solved in parallel. It requires the

solutions of the �uid and structural domains be in agreement at each iteration and convergence

must be reached together before moving forward to the next time step. A two-way coupled system

allows transient problems to be modelled and solved, but requires more computational power than

a one-way coupled system [140].

2.6.1 Fluid-Structure Interaction of the Vessel Wall

As the aorta is known to move throughout the cardiac cycle, a common limitation of patient-

speci�c CFD simulations based on medical imaging is neglecting this movement of the vessel

walls, and the resulting impact on the haemodynamics. A new strategy to incorporate this move-

ment into CFD simulations of the thoracic aorta was implemented by Capelliniet al. [141] and

the feasibility tested. This new method modelled the patient-speci�c changes in the aortic geom-

etry during the cardiac cycle in a way that overcomes the assumptions required for FSI and the

complexity that comes with FSI simulations. The method suggested by Capelliniet al. [141] was

based on Radial Basis Functions (RBF) mesh morphing techniques and transient simulations, by

reconstructing the aortic geometry at points throughout the cardiac cycle, a transient shape defor-

mation was obtained, and a prescribed wall motion simulation can be run. The results were then

compared to CFD simulations run with an aortic geometry based on the minimum and maximum

aortic volume. Both the CFD and the RBF approaches took similar computational resources as

the RBF does not require a FE solver for the description of the vessel structure. The segmentation

process, meshing, and set-up of the models took a long period of time, making the additional time

required to set up the RBF negligible. Conventional CFD simulations ran approximately three

times faster than the RBF simulations however the additional time required is not comparable to

that needed for full two-way FSI simulations. It was therefore concluded by Capelliniet al. [141]

that the technique is feasible and can be applied to study patient-speci�c haemodynamics.

Work by Crosettoet al.[142] investigated FSI between the blood �ow and the aortic wall using the

ALE formulation in an attempt to predict the haemodynamics of large blood vessels. FSI and rigid

wall CFD simulations were run (using patient-speci�c geometry) in an effort to determine whether

vessel compliance had a noteworthy effect on the haemodynamics. Crosettoet al.[142] found that
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the rigid wall simulations were unsuccessful at predicting a range of blood �ow patterns. A region

of backwards �ow around the inlet was predicted with the FSI model, presumed to aid in the

closing of the aortic valve, and was not seen in rigid wall simulations. It was also noted that rigid

wall CFD simulations continually overestimated the WSS magnitude, indicating FSI should not

be neglected in cardiovascular applications.

Although more anatomically correct results were produced using the FSI model than those from

the rigid wall simulations, considering the full FSI problem increased the computational cost of

the simulation considerably. The rigid wall simulations required 64 processors, whereas the FSI

simulations required 128 processors. The study conducted by Crosettoet al. [142] had several

limitations despite showing the potential of FSI as a tool in cardiovascular medicine. The ratio

of the aortic diameter to the vessel wall thickness was taken to be constant, as was the elastic

modulus. Values were taken fromex-vivosamples of the human thoracic aorta from a study by

Langewouters [143]. This assumption is physiologically incorrect as both parameters vary with

location in the vessel, increasing in the distal direction. Blood was modelled as a Newtonian �uid

and the arterial wall was taken to be a linear elastic structure. Only one healthy volunteer was

used - in order to validate the study thoroughly, more volunteers must be used. It would also be

of interest to utilise patients with existing pathologies such as BAV or aortic stenosis, to observe

how the presence of disease affects the importance of FSI in the aorta.

Despite of the clear limitations of the study by Crosettoet al. [142], the novelty of the study

was that the surrounding tissue in the chest cavity was included in the numerical model. It was

determined that neglecting to include the surrounding tissue resulted in non-physical �ow patterns,

as the surrounding tissue is known to have a signi�cant impact on the behaviour of the vessel [144].

The surrounding tissue was factored in to the numerical model by including a linear algebraic

stress displacement constitutive relation on the outer adventitia (a Robin condition). As there

is no agreed constitutive law for the heterogeneous tissue surrounding the aorta, this modelling

technique produced only an approximation of the behaviour.

A two-way coupled system was applied by Nowaket al.[145] to predict the deformation, the pres-

sure, and the WSS magnitude distribution of the human aorta. Nowaket al. [145] concluded that

FSI should be included when modelling blood �ow through arteries with a low stiffness. The work

by Nowaket al. [145] focused on a paediatric patient with coarctation of the aorta; the focus on a

paediatric patient increased the need to incorporate FSI into the model as paediatric blood vessels

are more compliant than adult blood vessels as a result of increased levels of stenosis often found

in adult vessels [146]. This increased compliance of paediatric vessels causes rigid wall models to

overestimate the WSS magnitude by up to50%. This presents a signi�cant limitation to the rigid

wall numerical model in terms of clinical use due to the importance of WSS. Another limitation

to the study by Nowaket al. [145] is that the vessel wall was assumed to be approximately10%

of the local effective vessel radius, which although is not physiologically correct it simpli�es the

modelling process signi�cantly as patient-speci�c data for material properties is not required.

Another assumption used by Nowaket al. [145] was that the aortic walls were modelled using a

linear elastic model. This is a large simpli�cation of the three layers that make up the aortic walls

and it would be more appropriate for anisotropic constitutional laws to be used. These assumptions

considerably limit the study by Nowaket al. [145] as they are all non-physical assumptions and

so could prevent the study from having clinical signi�cance.
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Unlike multiple studies that model blood as Newtonian, Nowaket al. [145] modelled blood as

a non-Newtonian �uid using the Carreau viscosity model [55]. Blood �ow was assumed to be

laminar, despite Reynolds numbers ofRe = 3396 at peak systole. This is because the cardiac cycle

is diastole dominant, with diastolic Reynolds numbers ofRe = 89, implying that the �ow was

mostly laminar. Nowaket al. [145] noted that signi�cant back�ow was observed near the aortic

root not otherwise observed with a rigid wall model, indicating that FSI must be considered when

modelling blood �ow in the aorta, in agreement with Crosettoet al. [142]. It is evident that the

introduction of FSI in�uences the haemodynamics around the aortic valve which is of paramount

importance when investigating the �ow patterns and haemodynamics within the thoracic aorta.

The effects of a pulsatile inlet condition and the behaviour of the arterial wall using patient-speci�c

models was evaluated by Alishahiet al. [147]. The human abdominal aorta was chosen to be

modelled, and two subjects selected; one healthy volunteer and one patient with severe stenosis.

A two-way coupled system and a partitioned approach was used. Alishahiet al. [147] found

that despite wall deformation being slight, the consequences of it were noticeable and therefore

vessel wall compliance plays a vital role in the haemodynamics in the thoracic aorta, agreeing with

Crosettoet al. [142], Nowaket al. [145], Lantzet al. [148], and Reymondet al. [149]. Both rigid

wall and FSI simulations were run, and the results compared toin-vivo results. The results for

pressure displayed signi�cant differences; it was found that the FSI model determined pressure to

be up to15%lower than the rigid wall simulations, and were more consistent with the values from

the in-vivo results. When the WSS magnitudes were compared, it was evident that the rigid wall

model predicted consistently higher values for both patients than the FSI model. The common

assumptions of a constant wall thickness (1mm was selected), an isotropic, elastic material, and

uniform material properties were all used, limiting the study by Alishahiet al. [147] as they are

not physiologically accurate. Blood was assumed to be a non-Newtonian �uid with the power law

viscosity model used, and the �ow laminar.

The links between the aortic wall movement and the WSS magnitude and distribution were also

explored by Lantzet al. [148]. Using a partitioned method with two-way coupling it was found

that the time-averaged WSS was not affected by the vessel compliance, whereas the instantaneous

value was noticeably affected by it. Lantzet al.[148] therefore concluded that if the instantaneous

values were of interest FSI must be included in the numerical model. This is of importance when

the maximum value of WSS is required, such as when investigating the link between WSS and

disease progression. The �ow was turbulent as the Reynolds numbers were found to be between

200 < Re < 7500at late diastole and early systole respectively, and thek � ! SST turbulence

model was used. The study by Lantzet al.[148] is restricted as it applies the common assumptions

that are often seen in cardiovascular FSI studies such as those used by Alishahiet al. [147], these

assumptions are used because of the lack of known universal values and the dif�culties in obtaining

material properties that are patient-speci�c. The material properties used in all simulations were

commonly used values taken from literature - the Poisson's ratio and density of the solid were

taken from Bathe & Kamm [150], and a Young's modulus of1MPa taken from Li & Kleinstreuer

[151]. Finally, blood was taken to be a Newtonian �uid. Regardless of the clear limitations, the

surrounding tissues in the chest cavity were included in the numerical model (as Crosettoet al.

[142] did) by applying a linear elastic support boundary condition to the aortic wall. Although

the inclusion of the surrounding tissue increases the accuracy of the FSI simulations as it better
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represents the human aorta, a simplistic representation of the complex surrounding tissues was

used. This is because the anatomically correct relationship between the surrounding tissue and the

aortic wall is complex and dif�cult to determine.

Research conducted by Quarteroniet al. [152] suggested that vessel walls should be treated as

an inelastic material in numerical models as the stress-strain curves when loaded and unloaded

are different. Quarteroniet al. [152] also highlighted that the mechanical interaction between

the �uid and structural domains is not the only interaction between the two domains that must

be considered; there is a biochemical interaction that is generally overlooked by cardiovascular

FSI studies due to its complexity. It was suggested that the biochemical interaction should be

implemented by supplementing the Navier-Stokes equations with the linear advection diffusion

equations. Quarteroniet al. [152] suggested that the ALE method should be used to solve the

FSI problem as Crosettoet al. [142] did. Attention was then drawn to the dif�culties of studying

the �uid-structure interaction within large blood vessels. Determining a mathematical description

of the mechanical behaviour of the vessel walls presents a signi�cant challenge as found by the

studies discussed within this Section. This challenge is in part due to the multiple layers that make

up the arterial wall. The highly non-linear nature of the material properties [152] and vessel wall

thickness also present signi�cant challenges that must be overcome, as is obtaining patient-speci�c

material properties.

Work by Reymondet al. [149] used an ALE formulation to investigate the effects vessel wall

compliance had on the WSS magnitude and distribution, as did Lantzet al. [148]. Simulations

using a rigid wall model as well as FSI were run, and the results compared. It was concluded that

including the compliance of the aorta wall had a considerable effect of the WSS distribution. It

was found that the rigid wall model systematically overestimated the WSS magnitude, as Alishahi

et al.[147] found. The common assumptions of the vessel wall being linearly elastic and isotropic,

and blood being a Newtonian �uid were applied, limiting the study as they are not anatomically

correct assumptions. Only one patient was used; more volunteers are needed to fully validate the

results to allow conclusions to be drawn with con�dence. Despite the clear limitations, Reymond

et al. [149] accounted for the heterogeneous tissue that surrounds the thoracic aorta with a method

similar to Crosettoet al. [142] and Lantzet al. [148].

A two-way coupled ALE formulation was used to investigate the compliance of the aorta in the

presence of aortic dissection by Bäumleret al. [108]. It was found that the FSI results presented

good agreement with those found by 4D-Flow MRI when pressure, WSS, and diameter of the

vessel were compared. In addition to considering the effects of the surrounding tissue (through a

Robin condition), B̈aumleret al. [108] also incorporated the tethering between the aorta and the

spine through the intercostal and lumbar arteries. This was achieved by applying Dirichlet condi-

tions to the locations on the outer adventitia where the vessels would be located. This tethering is

normally overlooked in FSI studies due to the complexity it adds to the numerical model, making

the research by B̈aumleret al. [108] novel. Despite this, the study was limited as it only investi-

gated one patient, so needs extensive validation. The material properties used for the aortic wall

were also not patient-speci�c, and blood was assumed to be Newtonian and incompressible.

The ascending aorta was modelled using a two-way coupled approach by Mendezet al.[153]. The

results of the two-way coupled system were compared to rigid wall CFD simulations, and it was

found that there was a good agreement between the models in terms of the WSS distribution, in
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disagreement with the results presented by the majority of studies discussed [142, 145, 147, 149].

The agreement Mendezet al.[153] found between FSI and rigid wall simulations can be attributed

to the presence of an ATAA, which is known to in�uence the stiffness of the aortic wall. The

increased stiffness reduces the compliance of the aortic wall causing the FSI results to agree with

the rigid wall simulation results. This demonstrates that for the speci�c pathology of ATAA, vessel

compliance and therefore FSI can be neglected. It would be of interest to further this research and

investigate the effects of a wider range of pathologies, such as BAV, on the importance of FSI.

A limitation of this study is that it neglected to include the aortic valve, preventing the valve

haemodynamics from being modelled correctly. The inclusion of FSI at the aortic valve would

cause FSI to be a necessary addition to the simulations. This study is also limited in its applicability

as it uses the common assumptions of blood being a Newtonian �uid, uniform material properties

that are not patient-speci�c (and are instead based on population averaged values fromex-vivo

mechanical test data), and uniform aortic wall thickness. This study also neglected the effects of

the surrounding tissue, as did the studies by Nowaket al. [145], Alishahiet al. [147], and Hasan

et al. [154]. Extensive validation of the work by Mendezet al. [153] is needed before any of the

presented results can be of clinical use and any robust conclusions can be drawn.

2.6.2 Fluid-Structure Interaction of the Aortic Valve

Due to the complexity of the thoracic aorta, in addition to considering the interactions between the

aortic wall and the blood �ow, it is also necessary to consider the complex �uid-structure interac-

tions around the aortic valve lea�ets. As a result of the thin structures and the large deformations

that are experienced, a method that is frequently used is the Immersed Boundary (IB) formulation.

An IB method to simulate the �uid-structure interaction of the aortic valve was implemented by

Pastaet al. [155]. Patients with BAV and healthy volunteers were used. The study focused on the

clinical signi�cance of using an FSI model, as opposed to a comparison between an FSI and rigid

wall model. A key aim of the study by Pastaet al. [155] was to �nd a new predictor that could be

of use when there is a need to determine and quantify the risk of aortic dilation in a patient with

BAV. Similarly to the studies discussed in Section 2.6.1, the common assumptions of a uniform

wall thickness, and uniform material properties that are not patient-speci�c but instead taken from

population averaged values were applied. The surrounding tissue was also not considered, despite

it being known that it has a considerable effect on the results. Despite the limitations, this study did

not assume the aortic wall was linearly elastic, but instead applied a �bre-reinforced constitutive

model which took into account the collagen �bres that are present within the layers of the aortic

wall [9].

In a similar approach to Pastaet al. [155], Sodhaniet al. [139] used an IB method to evaluate

the complex relationship between the valve lea�ets and the blood �ow at the aortic root. The FSI

numerical model was validated againstin-vitro measurements, and a good agreement between the

results were found, indicating FSI should not to neglected when modelling aortic haemodynamics.

The blood was assumed to be incompressible and Newtonian, and thek � " turbulence model was

used. This study did not encounter issues regarding material properties as many studies have

done, as a prosthetic heart valve was modelled, removing the need for patient-speci�c material

properties. This study highlights the capabilities and the potential FSI models have in terms of

surgical planning for valve replacement. However, the FSI between the aortic wall and the blood
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�ow was not included, limiting the study signi�cantly.

A patient-speci�c FSI model of the aortic root and ascending aorta was constructed by Hasanet al.

[154]. An IB method was used as the aortic valve was included in the model. The elasticity of

the valve lea�ets was based on a �bre-reinforced constitutive model that was �t to experimental

data, similarly to the attempt by Sodhaniet al. [139]. The work presented by Hasanet al. [154]

demonstrated good agreement with clinical data when pressure and �ow rates were compared

- showing the potential FSI has as a surgical planning tool. The techniques used in this study

have the potential to be extended to investigate a range of cardiovascular pathologies, such as

BAV. However, there are signi�cant limitations with the model that need resolving before the

concept is taken further. The sinuses of valsalva and the ascending aorta were assumed to be rigid,

which is not an anatomically correct assumption as the ascending aorta experiences considerable

movement during the cardiac cycle [136]. Blood was also modelled as a Newtonian �uid. Flow

was not fully resolved during systole at the valve lea�ets because of the poor resolution of the FSI

model. It also needs to undergo substantial validation before it can be of any clinical signi�cance

and conclusions can be drawn that will be robust. An additional limitation of the study is that the

material properties that were used for the aortic valve lea�ets were from porcine subjects, which

gives rise to questions of whether it is applicable to human patients.

In contrast to the studies by Sodhaniet al.[139], Hasanet al.[154], and Pastaet al.[156], the study

by Tangoet al. [157] attempted to use an ALE formulation to investigate the complex problem of

the valve lea�ets opening and closing. The results from the FSI model were validated against

experimental PIV results using a �ow phantom, as opposed to results taken from volunteers or

patients. It was demonstrated by Tangoet al. [157] that numerical models can play a vital role

in predicting valvular pathologies as they do not face the same limitations as experimental set-

ups do. It was also found that the ALE formulation was a suitable method to model a healthy

heart valve. The valve lea�ets were taken to be hyper-elastic and incompressible, however the

�bres in the tissue were neglected, unlike the studies by Hasanet al. [154] and Pastaet al. [156].

The common assumptions of a linearly elastic vessel wall with a uniform thickness, and blood

being a Newtonian �uid were applied, limiting the study considerably. However, the study was

further limited as the aortic root was taken to be rigid, which is a nonphysical assumption, and the

geometry used in both the FSI model and the experimental set-up was not patient-speci�c.

2.7 Existing Software

A range of softwares currently exist that attempt to combine medical images and CFD techniques

to aid in predicting the blood �ow within a range of vessels in the human body, and are listed and

discussed within the following Section:

2.7.1 SimVascular

Developed at Stanford University,SimVascularis an open source software that provides a complete

methodology to combine medical images and CFD, from segmenting medical images to running

the resulting patient-speci�c CFD simulations [158]. It allows a patient-speci�c mesh, that can be

used to run CFD simulations, to be constructed from medical images, taken from an MRI scan.

This is achieved by identifying the blood vessel of interest and creating a pathline along it. A
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pathline is constructed by creating a node within the vessel of interest every 5-25 images as you

move inferiorly down the aorta from the axial viewpoint. By joining the nodes together a pathline

is created. From this pathline, a model is created using a 2D lofted segmentation method. At each

node previously created, the vessel is segmented, resulting in a series of 2-D segmentations along

the aorta. The 2D segmentations are then lofted together with splines to create a 3D patient-speci�c

model. At this point, it is possible to join together multiple vessels, if required. An unstructured

tetrahedral mesh is then created, ready for any subsequent simulations. TheSimVascularwork�ow

discussed here can be seen in Figure 2.11.SimVascularallows for the �uid-structure interaction

between the blood �ow and the vessel wall to be considered through an ALE formation, however it

does not consider the �uid-structure interaction at the aortic valve, instead relying on the boundary

conditions at the inlet being altered to re�ect patient-speci�c �ow pro�les throughout the cardiac

cycle.

In Figure 2.11 it can be seen that increasing the number of 2D segmentations would increase

the accuracy of the 3D model. This is a notable drawback to theSimVascularsoftware, as the

vessel of interest is not segmented in every image, so the geometry is an estimate, and key features

may be overlooked. Although a good research tool,SimVascularhas a number of drawbacks

that prevent it from being a practical tool that is used by clinicians for patient-speci�c treatment

planning, surgical planning, or device design. It is necessary to have prior knowledge in the

software to be able to use it effectively, as well as the skills to interpret the medical images when

creating the pipelines and segmentations. As such, it is not an intuitive software to use and would

require training before use. The software also requires signi�cant computational power and high

quality graphics cards to render the 3D volume that is created through the segmentation and lofting

process, which may not be accessible to all clinicians who have need of the tool.

(a) Pathlines (b) Segmentation (c) Lofting (d) Joining of vessels

Figure 2.11. The SimVasculargeometry work�ow. Figure (a) demonstrates the path lines through the
vessels of interest. Figure (b) demonstrates the 2D segmentations along the path lines. Figure (c) shows the
lofted 3D model, and Figure (d) demonstrates the joining of vessels, taken from Updegroveet al. [158]

SimVascularhas been excessively validated by a range of studies, observing the haemodynamics

in an assortment of vessels with a large degree of variation in the pathologies present [159–162].

In particular, the study conducted by Bäumleret al.[108] usedSimVascularto observe the haemo-

dynamics in the thoracic aorta. Patient-speci�c meshes were created and the subsequent CFD and

FSI simulations were performed with thesvFSIsolver used. Due to the complex geometry (an

aortic dissection with the subsequent formation of a secondary �ow channel) that was used in the

study, the modelling software meshMixer [163] was used alongside SimVascular. It was also noted
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by Bäumleret al. [108] that the geometry construction process withinSimVascularwas time con-

suming and would cause a bottleneck if multiple patients were used in a study. It was found that the

methodology used in B̈aumleret al. [108] produced results that showed an improved comparison

to in-vivomedical images than previous studies have done, however there were still notable differ-

ences. Previous studies have reported deformations of the aortic dissections to be up to1:3mm,

whereas the study by B̈aumleret al. [108] reported deformations of13:4mm, within the range of

expected values, and only a difference of42:53%when compared to values found from 4D-Flow

MRI data, which although is a large difference is a notable improvement on previous studies.

Despite the improvement in results, it must be noted that this cannot be attributed toSimVascu-

lar solely. This is because the methods used, such as tethering the aorta through intercostal and

lumbar arteries, pre-stress and external stress of the structural domain, and independently de�ning

the elastic modulus for the dissection �ap and outer vessel wall, are novel when compared other

studies. The patient-speci�c geometry was obtained through CTA scans, with 4D-Flow MRI and

blood pressure data used to determine the physiologically correct boundary conditions.

2.7.2 HeartFlow

A commercial software available in the United States, Europe, Canada, and Japan that is being

used by clinicians to aid in diagnosis of heart disease, speci�cally any pathology within the coro-

nary arteries, isHeartFlow[164]. Following on from a standard CT scan,HeartFlowuses the CT

images to reconstruct a patient-speci�c model of the coronary arteries, before CFD simulations

are run. Although the tool is used by clinicians, it has limited functions, as its primary purpose

is to determine if there is suf�cient blood �ow reaching the heart through the coronary arteries.

However, it is a non-invasive and interactive software that has been extensively validated, as such

it has been granted FDA clearance and it successfully models the haemodynamics of the coronary

arteries.

2.7.3 CRIMSON

CRIMSONis an open source software is based onSimVascularand allows for 3D haemodynamic

simulations [165]. This tool uses reduced order modelling techniques, has FSI features and is

able to post-process and visualise the results. It also enables the user to �ne-tune the boundary

conditions, allowing for the imposition of PC MRI �ow data, as well as spatially varying vessel

wall material properties. However the software has not yet been commercialised.

2.7.4 FEops

FEopsallows the user to simulate the deployment of a TAVR device and the interactions it may

have with the patients' aortic valve geometry [166]. The patient-speci�c geometry is reconstructed

from pre-procedural electrocardiogram-gated multi-slice CT cardiac angiogram data, and param-

eters such as the device model, size, and the implantation depth can be altered and simulated. The

work�ow created was validated extensively [167]; allowing clinicians to make a surgical decision

on 80 patients, before then making simulation data available to the clinicians for 42 of the patients.

The primary outcome of the research was to determine whether the simulation data fromFEops

altered the initial decision made by the clinicians. It was found that in 39 patients, the initial deci-

sion was maintained, and no statistically signi�cant difference was found in the clinical outcomes
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between patients with and without the simulation data. Although no de�nitive conclusion can

be made regarding the clinical impact of the work�ow, the feasibility of using such a technology

within a clinical environment has been demonstrated. The work�ow also comes with a signi�cant

cost attached as large amounts of human resources are needed to segment the CT data and perform

the analysis. It was hypothesised by Theriault-Lauzieret al. [166] that the work�ow has potential

to be of use in situations where the patient is high risk and comorbid, and will not tolerate a sub-

optimal TAVR surgery.FEopsas a predictive tool for surgical outcomes and risk identi�cation has

also been demonstrated through the work conducted by Dowlinget al. [135].

2.8 Summary

This review of current literature gives a brief introduction to the congenital heart defect, BAV,

highlighting the background to the motivation behind this research project. It also details the

efforts made to createin-silico models of the thoracic aorta suitable for use in CFD, before evalu-

ating the combination of CFD models and medical imaging, including combining CFD modelling

and 4D-Flow MRI, and how it has been utilised so far as a clinical tool. Finally, the use of FSI in

cardio-vascular applications was discussed in length. In summary:

• BAV is the most common congenital heart defect, occurring in approximately 1.3% of live

births. It is the fusion of two of the aortic valve cusps, leading to an off centre jet of blood

being ejected from the left ventricle every cardiac cycle. This is known to cause altered WSS

distributions. It has been hypothesised that the resulting altered WSS distribution could be

used in diagnosis and monitoring disease progression, as well as risk strati�cation and in the

planning of patient-speci�c treatments.

• 4D-Flow MRI has only recently become a tool used in clinical settings due to recent im-

provements in spatial and temporal resolution, and scan time. It has been derived from

conventional MRI, and captures the blood �ow in the heart and large vessels. It is a non-

invasive and non-ionising technique that is rich in data and allows for a multitude of useful

haemodynamic parameters to be calculated retrospectively.

• To date, CFD models and medical imaging have been used in a number of investigations.

Although the work�ows detailed show promising results, no conclusions of clinical sig-

ni�cance can be drawn as the number of subjects used in the studies has been too small,

and the resolution of the medical imaging techniques too coarse. In CFD simulations it

was frequently assumed that blood was incompressible, Newtonian, and laminar. However,

the latter two assumptions are not always applied. As there are no agreed upon viscos-

ity or turbulence models suitable for modelling blood �ow, a wide range are still in use.

Although recommendations have been made, they vary greatly and need further validation

before being relied upon. It is also regularly assumed that the vessel walls are rigid and no-

slip conditions applied. It has been shown that incorporating patient-speci�c inlet boundary

conditions is key to accurately modelling the haemodynamics of the thoracic aorta, and

the three-element Windkessel model is the most physiologically accurate outlet boundary

condition available.

• The use of CFD and 4D-Flow MRI in a cardiac setting is a feasible method for modelling

the haemodynamics in the thoracic aorta and multiple investigations have been conducted
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to develop approaches of combining the two techniques. Despite results demonstrating the

combination of methods shows potential as a clinical device, no study has yet to produce a

tool that could be utilised in a clinical setting where conclusions drawn using it would be

robust and reliable. This is due to the small number of subjects currently used in each study.

Again, in the CFD simulations it was frequently assumed that blood was Newtonian, incom-

pressible and laminar. Multiple studies acknowledge the spatial and temporal resolution of

4D-Flow MRI is insuf�cient, however its impacts on patient-speci�c CFD modelling have

not been quanti�ed.

• The incorporation of the �uid-structure interaction between the vessel walls and the blood

�ow has been investigated by multiple studies, and it has frequently been found that its

inclusion signi�cantly affects the WSS distribution and magnitude, with rigid wall simula-

tions overestimating the WSS. The �uid-structure interaction between the blood �ow and

the aortic valve has also been investigated by multiple studies, and many conclude that the

�ow patterns are signi�cantly altered through its inclusion in simulations. It is concluded by

all FSI studies considered in this review of current literature that FSI is not to be neglected.

However, FSI increases the computational cost considerably, so many not be appropriate

if a predictive tool is to be utilised by clinicians for surgical planning. It was also noted

that studies involving the �uid-structure interaction of the valve lea�ets tend to neglect to

compliance of the arterial wall. There is a gap in the literature therefore regarding studies

involving the FSI between both the arterial wall and the valve lea�ets, and the blood.

• Based on the literature reviewed in Section 2.6, it has been concluded that FSI will not be

included in the numerical simulations for this research project. Although it has been made

clear that the inclusion of FSI impacts the results of the simulation, it will prohibitively in-

crease the complexity of the simulation signi�cantly, and therefore will increase the compu-

tational cost of the simulations. This will cause the tool to become impractical for clinicians

to utilise in patient-speci�c treatment planning, surgical planning, and risk strati�cation sce-

narios.

• Although there are open-source softwares that provide complete pipelines, from segmenting

medical images to running patient-speci�c simulations, they are time consuming to use and

have wide ranging limitations. The geometry construction processes are not user-friendly

and require time and effort to use, and they provide only an estimate of the geometry as a

signi�cant portion of the geometry is lofted, and not segmented. In addition, many of the

existing softwares can be applied only to certain vessels or certain pathologies or treatment

options. The work within this research project will address this gap, and produce a robust

methodology that produces accurate patient-speci�c geometries.
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3.1 Introduction

Drawing on the review of research reported and discussed in Chapter 2, the methods outlined

throughout Chapter 3 will focus on how an approach to combine CFD modelling with 4D-Flow

MRI was created. This Chapter will describe how individual patient 4D-Flow MRI data is pro-

cessed before undertaking patient-speci�c CFD simulations in OpenFOAM, version 6 [6]. The

methods used to pre-process the Magnetic Resonance (MR) images will be outlined, as will the

methods used to reconstruct the patient-speci�cin-silico thoracic aortic geometries. The process

of meshing the geometry will be described, before the methods used to create spatio-temporal

patient-speci�c boundary conditions are detailed. The methods used to run the numerical sim-

ulations are then described. All images presented in this Chapter relate to the neonatal patient

identi�ed as CoRaL071 (age= 5 days, weight= 4.4kg) with no suspected congenital heart de-

fect, unless stated otherwise, however the methodology was repeated for all patients participating

in this research. The work�ow that was followed to create the methodology is summarised in

Figure 3.1.

Figure 3.1. Work�ow used in constructing patient-speci�c 4D-Flow MRI based CFD simulations.

Throughout the work�ow, a conscious effort was made to use open source software where possible

so that the methodology can be used at minimal cost and will be more accessible to clinicians

across the globe. Although a licence is needed to use MATLAB [168], the in-house code used

to process the 4D-Flow MRI images allows DICOM images from a range of MRI scanner makes

and models to be read in, unlike many commercial codes, so may be of use in resource-limited

situations.

Ethical approval has been given to this research by Leeds East Research Ethics Committee (18 /
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YH / 0439) and Berkshire Research Ethics Committee (10 / H0505 / 100). All patient data within

this thesis has been anonymised, and written and informed consent to participate has been given

by all participants or parents/legal guardians where appropriate.

3.2 Data Acquisition

All patients participating in this research have undergone a 4D-Flow MRI scan to acquire phase

contrast images of the thoracic aorta and the velocity �ow �eld within it. Phase contrast images

from a 4D-Flow MRI scan can be seen in Figure 3.2. A total of 12 patients were used in this

research; 7 adult patients and 5 neonatal patients. Patients were eligible for inclusion in this study

if they have BAV, and are suitable for a valve replacement. In the case of neonatal patients, patients

with a suspected BAV were included in the study.

The adult cohort used in this research consisted of 3 RL BAV and 4 RN BAV, 5 of which experi-

enced right handed helical �ow, whilst 2 experienced left handed helical �ow. All adult patients

considered were yet to undergo AVR surgery. Table 3.1 shows the demographic for the 7 adult

patients used within this study. Patients' data was used at difference stages of the methodology

development, as a result of this and poor quality of 4D-Flow MRI data in some cases, not all

patients' data was used for the full complexity work�ow developed.

The neonatal patient demographic can be seen in Table 3.2. For all neonatal patients within this

study, a prototype 4D-Flow MRI sequence was administered. This was a compressed sense �ow-

sensitive gradient-echo pulse sequence. 4D-Flow MRI data was gated retrospectively, and no

respiratory motion suppression navigators were necessary due to the limited breathing motion in

neonatal patients compared to the adult patients.

(a) Vx (Foot-Head) (b) Vy (Anterior - Posterior) (c) Vz (Right-Left) (d) Magnitude

Figure 3.2. Phase contrast images through velocity encoding in theVx , Vy , and Vz directions, and a
magnitude image viewed from the sagittal plane.

The 4D-Flow MRI scans on all patients, excluding the neonatal cohort, were carried out on a

3T Magnetic Resonance system (Siemens 3.0T Trio TIM MRI). Scans were taken by medical

teams of the entire thoracic aorta and the proximal supra-aortic vessels. A spatial resolution of

2mm � 1:67mm � 2:2mm and a temporal resolution of40ms were used for all scans on adult

patients, �ip angle= 7 deg, bandwidth= 449Hz. Three-dimensional velocity encoding was used

with a sensitivity of150� 390cm=s in all directions, on a patient by patient basis, resulting in

velocities higher than150� 390cm=s undergoing aliasing and presenting as a velocity going in

the opposite direction.

All neonatal 4D-Flow MRI scans were acquired by medical staff on a 3T Magnetic Resonance
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Patient
Identi�er

BAV
Phenotype

Flow
Direction

Age (years) BMI Gender

OXBAV003 RN right 47 25.5 M
OXBAV012 RL right 40 20.9 F
OXBAV017 RL right 55 30.3 M
OXBAV021 RN right 20 25 M
OXBAV022 RL right 22 32.7 F
OXBAV071 RN left 18 19.1 M
OXBAV102 RN left 26 21.9 F

Table 3.1. Demographic of adult patients used within this research detailing BAV phenotype, direction of
helical �ow, age, Body Mass Index (BMI) and gender.(RN=Right-Non-coronary, RL=Right-Left).

Patient Healthy/ BAV Age (days) Weight (kg)
CoRaL071 Healthy 5 4.4
CoRaL072 Healthy 3 3.0
CoRaL073 BAV 3 2.5
CoRaL074 BAV 1 2.7
CoRaL076 BAV 1 2.9

Table 3.2.Demographic of neonatal patients used within this research detailing the age (days) and weight
(kg) of the patients.

system (Platform Software VE11c, Siemens 3.0 T PRISMA, Siemens Healthcare, Erlangen, Ger-

many) using a spatial resolution of1mm � 1mm � 1mm and a temporal resolution between

33:6 � 40ms. The prototype sequence parameters used for neonatal patients were as follows:

echo time= 2 :68s, repetition time= 5 :1s, �ip angle = 7°, and bandwidth= 1578Hz=pz. The

images were acquired in approximately 1-2 minutes, which was dependent on the patients heart

rate (average neonatal heart rate for the cohort= 120 � 150beats per minute).

When considering the spatial and temporal resolution of 4D-Flow MRI that is available, its use on

neonatal patients must be questioned. As stated by Hofmanet al. [169], no fewer than 6 voxels

must be used to describe a vessel. When imaging neonatal patients, the number of voxels that

describe the vessel is signi�cantly closer to 6 than it is for adult patients, resulting in lower quality

data being available to the researcher.

When imaging neonatal patients, it is common practice to use echocardiography as the �rst choice

imaging technique because it is widely available to clinicians and non-invasive. For the purposes

of this research echocardiography does not supply adequate �ow quanti�cation. Other imaging

techniques available and commonly used include cardiac catheterisation which would provide an

appropriate amount of detail about the �ow. However, cardiac catheterisation carries substantially

more risk as it requires ionising radiation, contrast agent, and general anaesthesia. Computed

Tomography (CT) scans are also an available method of imaging neonatal patients, however it

requires intravenous access, ionising radiation, and a contrast agent [43, 170–172]. With recent

medical advances the life expectancy of patients with CHD is increasing, and as such the risks of

exposure to Low Dose Ionising Radiation (LDIR) must be considered when studying and imaging

neonatal patients. LDIR has been shown to increase the risk of cancer to the patient, in particular

when the patient is young [173], whilst cumulative exposure over the patients lifetime has been

shown to be associated with cancer in adults. Therefore the increasing life expectancy of those with
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CHD provides more opportunity for carcinogenesis to occur [174]. Taking the risks of alternative

imaging techniques into account, 4D-Flow MRI presents as the best imaging technique available.

3.3 Geometry Reconstruction

In order to combine 4D-Flow MRI data and CFD techniques to run patient-speci�c CFD simu-

lations of the thoracic aorta, the aortic geometry of the patient in question must be extracted and

reconstructed from 4D-Flow MRI data. A 3-Dimensionalin-silico model for each individual pa-

tient must be created that is suitable for meshing. This can be achieved using the methodology

detailed in the following paragraphs:

The 4D-Flow MRI scans produce a series of phase contrast images in the coronal, axial, and

sagittal views in a DICOM format. The DICOM images are processed using in-house software

written in MATLAB [168], also used by Nolteet al. [175] and written by Soteloet al. [176, 177].

The in-house software will here-on be referred to as the4D-Flow MRI APP. Within the4D-Flow

MRI APP, an angiographic image was created using the DICOM images �les and the algorithm

proposed by Bocket al. [178] that derives angiographic information from the data acquired in

a 4D-Flow MRI scan without the need for additional Magnetic Resonance Angiography (MRA)

scans.

With an angiographic image created, it becomes possible to extract the geometry of the blood

vessel of interest by �rst adjusting the contrast of the images within the4D-Flow MRI APPto

highlight the blood vessels of interest from the background tissue and vessels not of interest. Re-

gions of the vessel with higher blood �ow velocities appear brighter in the MRI images, therefore

increasing the contrast causes the areas of lower velocity, such as the supra-aortic vessels and the

periphery of the vessel, to be more visible. This makes the forthcoming segmentation process less

complex, however also increases the need for a higher threshold in the next step. The contrast

adjustment must be done on a patient-speci�c basis and is dependent on the �ow velocities that

are experienced within the vessel.

Within the4D-Flow MRI APP, all images have an initial contrast range of0 � 250. In order to

emphasise the thoracic aorta both limits of the contrast range can be adjusted. The impacts of

adjusting the contrast range to0 � 75 for patient CoRaL071 can be seen in Figure 3.3. It can be

seen that altering the contrast range not only causes the ascending aorta to appear brighter in the

image, but also makes the periphery of the vessel, and the descending aorta more clear. This is

key in ensuring the vessel in its entirety is visible, and can be distinguished from the background

tissue and surrounding vessels. However, the increase in contrast is applied to the entire image,

meaning the vessels not of interest and background tissue also appear brighter.

A threshold is then applied universally to all 4D-Flow MRI images to remove any unwanted noise

and smaller vessels from the images, leaving only the great vessels. The value of the threshold

must be carefully selected; a high threshold will remove all the unwanted noise and smaller ves-

sels, but will also remove areas of slow �ow within the aorta, including a signi�cant proportion

of the descending aorta and the periphery of the vessel. This results in signi�cant portions of the

thoracic aorta having to be selected manually in the segmentation process in order to be included

in the �nal geometry. A low threshold will keep the thoracic aorta intact but will also keep a signif-

icant proportion of the unwanted background noise and smaller vessels, which requires signi�cant
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(a) Contrast Range= 0 � 250 (b) Contrast Range= 0 � 75

Figure 3.3. 4D-Flow MRI image of the thoracic aorta of patient CoRaL071 shown in the sagittal plane
before (a) and after (b) contrast adjustment has taken place and unwanted noise and vessels have been
removed.

portions of the geometry to be manually removed in the segmentation process. An inappropriate

threshold will result in a large degree of manual segmentation being necessary, which may result

in large levels human errors being introduced to the geometry.

Within the4D-Flow MRI APP, an initial threshold range of0 � 250is applied to all images. Both

limits may be adjusted to select the option that requires the minimum amount of manual segmen-

tation. Figure 3.4 demonstrates how applying an appropriate threshold to the images removes

unwanted noise and smaller vessels, but can still result in signi�cant manual segmentation being

necessary. The sensitivity of the process is also demonstrated, indicating the level of care that

must be taken with the process. As with the contrast adjustment process, the thresholding process

is patient-speci�c and the values selected vary on a patient by patient basis.

With an appropriate threshold selected, the 4D-Flow MRI images can then be segmented in the

sagittal, axial, and coronal planes using the4D-Flow MRI APPto highlight only the thoracic

aorta. This is achieved by manually removing all traces of the vessels not of interest to this study.

This results in only the thoracic aorta being present in the images (see Figure 3.5). During the

segmentation process it is vital that the vessel wall is segmented correctly and accurately as the

geometry and later calculations of haemodynamic parameters of interest, such as WSS, rely on

this segmentation. Manual segmentation introduces a signi�cant degree of error to the geometry

reconstruction process due to uncertainties in the vessel wall location, primarily caused by low

�ow velocities at the periphery of the vessel.

Once the thoracic aorta has been highlighted in all 4D-Flow MRI images across all three planes,

it is possible to create a 3-dimensionalin-silico model of the vessel that can be used for patient-

speci�c CFD simulations. This is achieved within the4D-Flow MRI APPby creating a tetrahedral

mesh of the highlighted geometry using the iso2MATLAB toolbox within MATLAB [168]. The

inlet and outlet locations are then selected so the velocity can be interpolated; the inlet location

chosen is the approximate location of the aortic valve, and the outlet location selected is the fur-
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(a) Threshold Range= 7 � 250 (b) Threshold Range= 10 � 250

Figure 3.4. 4D-Flow MRI images of the thoracic aorta of patient CoRaL071 shown in the sagittal plane,
before (a) and after (b) threshold adjustment has taken place.

thest plane in the inferior descending thoracic aorta that is fully visible. This selection does not

alter the geometry reconstruction nor create inlet and outlet patches, it merely provides the lo-

cations that are required for velocity interpolation to take place. The location of the inlet is an

estimation as the location of the aortic valve is not indicated clearly in the 4D-Flow MRI scans.

As such, the inlet location within all CFD simulations is subject to human error, which may effect

the results recorded. Once the locations of the inlet and outlet are selected, cubic interpolation is

used to calculate the velocity vector at each mesh node. From the interpolated velocity vector val-

ues, it is possible to retrospectively calculate a series of haemodynamic parameters such as WSS,

OSI, vorticity, helicity, energy loss, and kinetic energy. The4D-Flow MRI APPproduces �les for

each 4D-Flow MRI time-step in Visualisation Toolkit for unstructured grids format (.vtu), which

allows the calculated haemodynamic parameters and the reconstructed geometry to be visualised

throughout an average cardiac cycle of the patient. Although the haemodynamic parameters are

calculated at each time-step recorded by the 4D-Flow MRI data, the reconstructed geometry is

based only on 4D-Flow MRI images taken during peak systole, so are the maximum dimensions

of the thoracic aorta.

The physical inlet and outlet patches of thein-silico geometry must be created before it is suitable

for use in subsequent CFD simulations. This is achieved by �rst creating �at surfaces at the

inlet and outlet locations previously determined before velocity interpolation occurs. The open-

source software, OpenSCAD [179], allows �at surfaces to be created that are suitable for patches

to be applied to at a later stage of the work�ow. Figure 3.6a demonstrates thein-silico model

that is produced from the4D-Flow MRI APPprior to the physical inlet and outlet surfaces being

created, whilst Figure 3.6b shows thein-silico model once the inlet and outlet planes have been

created using OpenSCAD. From OpenSCAD, a single stereolithography �le (.stl) is produced that

includes the correct geometric inlet, outlet, and aortic wall locations.

The locations created using OpenSCAD must be converted to patches to which boundary condi-

tions can be applied within OpenFOAM. Using the open-source software NETGEN [180], this
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(a) Before Segmentation (b) After Segmentation

Figure 3.5. 4D-Flow MRI images of the thoracic aorta of patient CoRaL071 shown in the sagittal plane
before (a) and after (b) segmentation has taken place to extract the thoracic aorta only.

is achieved using the builtin function whereby individual surfaces can be created based on the

angle between the cells. Due to the signi�cant angles between the inlet and outlet and the aorta

wall, NETGEN creates three individual surfaces from the initial stereolithography �le shown in

Figure 3.6b which can be saved as separate stereolithography �les corresponding to each patch.

The individual stereolithography �les can then be edited to include the desired patch names that

correspond to the boundary condition names. The individual �les are then collated into one, to

create a stereolithography �le of the patient-speci�c geometry that includes pre-allocated patches.

The �nal reconstructed geometry can be seen in Figure 3.7 for the neonatal patient CoRaL071. It

can be clearly seen that in a neonatal patient the vasculature that surrounds the thoracic aorta is

intricate in nature and in areas it is challenging to distinguish the various blood vessels from each

other. This can be compared to the reconstructed geometry of the adult patient OXBAV012, seen in

Figure 3.8 where the edges of the vessels are signi�cantly clearer, and vessels can be distinguished

from each other.

In both Figure 3.7 and Figure 3.8, the thoracic and pulmonary arteries can be seen clearly, whilst

the smaller vessels such as the supra-aortic vessels are not immediately apparent. The proximal

supra-aortic vessels are more visible for an adult patient than for a neonatal patient, where they

cannot be segmented to an appropriate accuracy level. It was recommended by Hofmanet al.[169]

that no fewer than 6 voxels be used to describe a vessel diameter. Based on the ascending aortic

diameters of the neonatal cohort (8:60mm� 0:83mm) and the spatial resolution of1mm� 1mm�

1mm, it is clear that vessels that are signi�cantly smaller than the ascending aorta will be described

by too few voxels. Due to the number of voxels and the low �ow velocities experienced within

them, the supra-aortic vessels of neonatal patients can not be segmented from the background

noise of the 4D-Flow MRI scan accurately enough for analysis. The supra-aortic vessels were

therefore neglected in all initial simulations of neonatal patients.

Although the brachiocephalic artery is detectable for an adult patient, the left common carotid and

left subclavian arteries are more dif�cult to discern. Due to the lack of consistency regarding the
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(a) Output from the4D-Flow MRI
APPprior to inlet and outlet planes
being created.

(b) Geometry after inlet and out-
let planes have been created using
OpenSCAD.

Figure 3.6.Geometry reconstruction results before (a) and after (b) OpenSCAD is used to create planes for
the inlet and outlet.

(a) (b) (c) (d)

Figure 3.7. 4D-Flow MRI scan data of the thoracic aorta and proximal supra-aortic vessels ((a) and (b)),
and the reconstructedin-silico model of the thoracic aorta, overlaid on 4D-Flow MRI data ((c) and (d)) of
the neonatal patient, CoRaL071.

visibility of the supra-aortic vessels across the adult patient cohort, it was also decided to neglect

the vessels for simplicity. However, the choice to not include the supra-aortic vessels limits the

study as it excludes three outlets for the blood �ow. This will alter the haemodynamics within

the thoracic aorta, principally arti�cially increasing the velocities in the descending aortas due

to the increased volumetric �ow rate that will be experienced within them. The percentage of

�ow that leaves the thoracic aorta through the supra-aortic vessels is also unknown, as the cross

sectional areas of the supra-aortic vessels is unable to be calculated as a result insuf�cient voxels

and low �ow velocities. A consequence of this is that it is not possible to correct the volumetric

�ow rate at the inlet to account for the �ow that would otherwise leave the system through the

supra-aortic vessels. It was suggested by Middleman [59] that approximately5% of the in�ow

volume leaves through each of the supra-aortic vessels. However, these values are contradicted

by Caballero & Lá�n [57], where it was suggested that9:5% of the in�ow volume leaves through

the brachiocephalic artery,5% through the left common carotid artery, and6:5% through the left

subclavian artery. The suggested volumetric �ow rates apply only to adult patients, and are only
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(a) (b) (c) (d)

Figure 3.8. 4D-Flow MRI scan data of the thoracic aorta and proximal supra-aortic vessels ((a) and (b)),
and the reconstructedin-silico model of the thoracic aorta, overlaid on 4D-Flow MRI data ((c) and (d)) of
the adult patient, OXBAV012.

approximations. It has been suggested that for neonatal patients the percentage of the �ow that

leaves through the head and neck vessels is as high as 50% as a result of neonatal patients having

proportionally larger heads than adults. As there are no commonly accepted percentages available

for neonatal patients, adjusting the inlet volumetric �ow rate to account for �ow leaving through

the supra-aortic vessels is not a feasible approach for a methodology that is intended to be suitable

for patients of all ages.

Although adjusting the inlet volumetric �ow rate would counter the arti�cially increased velocities

within the descending aorta, it would also cause reduced velocities within the ascending aorta. It

was decided that the ascending aorta is of more interest to clinicians than the descending aorta,

therefore the inlet boundary condition was not adjusted to account for neglecting the supra-aortic

vessels.

It is known that neglecting the supra-aortic vessels will cause incorrect haemodynamics to be

predicted in the thoracic aorta by the patient-speci�c CFD simulations. Therefore, an attempt to

include the supra-aortic vessels was made for both a neonatal patient and multiple adult patients

to quantify the errors within the haemodynamics that can be attributed to neglecting the additional

three outlets. In patients where the supra-aortic vessels are included, patient-speci�c out�ow

conditions are determined.

3.3.1 Human Error in Geometry Reconstruction

The geometry reconstruction process described in Section 3.3 is subject to signi�cant human error

caused by the large amount of approximation that is required when interpreting the 4D-Flow MRI

images. The expertise of a medical professional when interpreting the images would decrease the

human error involved in the process, however for scope of this research project this is not a feasible

option. In an attempt to quantify human error in the geometry reconstruction process, the segmen-

tation process was repeated �ve times on patient CoRaL071. From each geometry reconstruction

attempt, a newin-silico geometry and corresponding patient-speci�c boundary conditions were

created. The errors that were present in terms of geometry, velocity, and volumetric �ow rate

from the manual segmentation process were recorded. How these errors translated into the inlet

conditions that were subsequently applied to patient-speci�c CFD simulations was also monitored.
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The diameters of a plane in the ascending aorta for all �ve geometry reconstruction attempts can

be seen in Table 3.3. Noticeable variation can be seen between geometry reconstruction attempts,

with a mean and standard deviation of10:77� 0:3856mm. In addition to the variation in the vessel

diameter, the average velocity magnitude over the plane of interest in the ascending aorta varies

also considerably at systole and diastole (0:3497� 0:01305ms� 1 and0:02442� 0:002154ms� 1

respectively). These errors accumulate in signi�cant variation in the volumetric �ow rate in the

ascending aorta at both systole and diastole (3:535E � 05� 8:232%and2:987E � 07� 49:42%

respectively). This clearly indicates that there are errors being introduced into the geometry used

for the subsequent CFD simulations, and also shows that the 4D-Flow MRI velocity data to which

CFD data will be compared is subject to human errors, and as such, the 4D-Flow MRI data should

be treated with caution. It also raises questions as to how meaningful any clinical conclusions

drawn from the 4D-Flow MRI data can be, when there are signi�cant errors present in the data-set

due to the geometry reconstruction.

Systole Diastole
Attempt Diameter

(m)
Average
Velocity

Magnitude
(ms� 1)

Volumetric
Flow Rate
(m3s� 1)

Average
Velocity

Magnitude
(ms� 1)

Volumetric
Flow Rate
(m3s� 1)

1 0.01042 0.3416 2.987E-05 0.02857 1.808E-08
2 0.01072 0.3541 3.506E-05 0.02276 2.847E-07
3 0.01147 0.3285 3.805E-05 0.02287 3.727E-07
4 0.01085 0.3599 3.660E-05 0.02352 3.992E-07
5 0.01041 0.3643 3.719E-05 0.02436 4.188E-07

Table 3.3. Diameter, average velocity magnitude, and volumetric �ow rate at systole and diastole across a
slice in the ascending aorta for the �ve geometry reconstruction attempts on patient CoRaL071.

The variations in geometry and velocity result in the spatially averaged volumetric �ow rate, de-

termined from the 4D-Flow MRI data, at the inlet plane varying considerably with each geometry

reconstruction attempt at both systole (Figure 3.9a) and diastole (Figure 3.9b). The variations

present demonstrate the importance of ensuring the segmentation process is executed with care

and precision. Any variations that are present in the volumetric �ow rate at the inlet of the 4D-

Flow MRI data will be translated directly into any subsequent patient-speci�c CFD simulations.

The differences in velocity �ow patterns at diastole in the ascending aorta between the segmen-

tation attempts of the thoracic aorta can be seen in Figures 3.10 and 3.11. It is also clear that the

changes in vessel diameter and geometry are notable between geometry reconstruction attempts.

From the differences in the vessel wall location, it is clear that using WSS as a haemodynamic

marker is inappropriate, and will produce inaccurate results from both 4D-Flow MRI data and the

subsequent CFD simulations.

3.4 Meshing

With the geometry constructed and the patches created, the domain must be meshed before use in

CFD simulations. Multiple open-source meshing methods were tested to ensure the best approach

was used: using Netgen [180] an unstructured tetrahedral mesh was created, a structured hexahe-

dral mesh was created using the tool cfMesh [181], and a structured hexahedral mesh was created
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(a) Systole (b) Diastole

Figure 3.9. Spatially averaged volumetric �ow rate(m3s� 1) across the inlet for each of the �ve geometry
reconstruction attempts of patient CoRaL071 at diastole, calculated from 4D-Flow MRI data.

0.000 0.212 0.424 0.636 8.478E-01

Velocity Magnitude(ms � 1)

1 2 3 4 5

Figure 3.10. Velocity magnitude(ms� 1) contours, determined from 4D-Flow MRI data, over the inlet
plane at systole from each geometry reconstruction attempt of patient CoRaL071.

using the OpenFOAM utility,snappyHexMesh. Before CFD simulations were run and results col-

lected for analysing, a mesh sensitivity study was undertaken, see Section 3.4.4. The steps taken

for each meshing method attempted are outlined below.

3.4.1 Netgen

As stated in Section 3.3, Netgen [180] was used to create and assign patches to the inlet, outlet,

and aorta wall in the 3-dimensionalin-silico model of the thoracic aorta. Once the patches were

created and assigned to a surface, the domain was meshed and an unstructured tetrahedral mesh

was created (see Figure 3.12a). The mesh created using Netgen had no areas of re�nement or

boundary layers, and was created by setting a maximum element size which was then applied

over the entire domain. As no regions of re�nement were created and the mesh was unstructured

tetrahedral cells, this meshing method was deemed inappropriate.

3.4.2 cfMesh

Using the open source tool cfMesh [181], a structured hexahedral mesh that uses tetrahedral cells

in the transition regions between different hexahedral element sizes was created (see Figure 3.12b).
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Figure 3.11. Velocity magnitude(ms� 1) contours, determined from 4D-Flow MRI data, over the inlet
plane at diastole from each geometry reconstruction attempt of patient CoRaL071.

Although regions of re�nement were created close to the vessel walls and the mesh was con-

structed with suitable cells, the introduction of additional software would increase the complexity

of the methodology, limiting its potential use by clinicians as a predictive tool. The additional

complexity was deemed unnecessary and the meshing method was not taken any further.

3.4.3 snappyHexMesh

The �nal meshing strategy created a background mesh using theblockMeshutility within Open-

FOAM, consisting of hexahedral cells with an aspect ratio of approximately 1. Using thesnappy-

HexMeshutility within OpenFOAM, surface features are then extracted from the stereolithogra-

phy �le of the reconstructed geometry with patches, seen in Figure 3.6b, and the cells of the initial

background mesh are split and re�ned near the newly de�ned surface features. Two levels of re-

�nement are used. Cells outside of the desired region are removed, leaving only the re�ned cells

inside the vessel. The cells' vertex points are then snapped to the surface of the stereolithography

�le leaving a smooth surface. Finally, additional hexahedral cells are added near the surface to cre-

ate a boundary layer. The resulting mesh is a structured mesh created with hexahedral cells with

two layers of re�nement, and a re�nement region near the surfaces as seen in Figure 3.12c. For

all CFD simulations in this study, theblockMeshandsnappyHexMeshutilities with OpenFOAM

have been used.
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(a) Netgen (b) cfMesh (c) snappyHexMesh

Figure 3.12. Potential meshing options explored; (a) shows the unstructured tetrahedral mesh created
using Netgen, (b) shows the structured mesh created using cfMesh, (c) shows the structured mesh produced
through the snappyHexMesh.

3.4.4 Mesh Independence

3.4.4.1 Steady State Mesh Independence

A mesh independence study was conducted to ensure that all results from steady state patient-

speci�c CFD simulations are independent of the mesh density being used. The meshes used for

the mesh independence study were created using OpenFOAM'sblockMeshandsnappyHexMesh

utilities as described in Section 3.4.3. Steady state, laminar simulations were run using thesim-

pleFoamsolver in OpenFOAM. A plug pro�le with a magnitude equal to the spatially averaged

systolic velocity magnitude from 4D-Flow MRI data was applied to the inlet patch. Blood was

assumed to be a Newtonian, incompressible, and homogeneous �uid. Five grids of varying density

were tested, each increasing the number of elements within the initial blockMesh by10%in thex,

y andz directions with Mesh 1 being the coarsest mesh and Mesh 5 being the �nest, see Table 3.4,

they-plus value of all meshes was approximately 1 or less. The velocity magnitude was plotted

along thex-axis (Figure 3.13a) andz-axis (Figure 3.13b) across a plane in the mid-ascending aorta

and was recorded for each mesh. It can be concluded from Figure 3.13 that Mesh 3, corresponding

to 1,136,155 elements is a suitable mesh to use for all further steady state simulations as it accu-

rately resolves the velocity and differs from Mesh 4 by an average of only2:79%in the ascending

aorta. This mesh was selected as it is the coarsest possible mesh that shows convergence, allowing

computational resources and time to be kept to a minimum.

Mesh blockMeshX
divisions

blockMeshY
divisions

blockmeshZ
divisions

1 68 116 189
2 75 129 210
3 83 142 231
4 90 155 252
5 98 168 273

Table 3.4.Number of divisions in thex, y, andzdirections of theblockMeshused in the mesh independence
studies.
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(a) x-axis (b) z-axis

Figure 3.13.Mesh independence study in the ascending aorta conducting for steady-state simulations with
a plug pro�le on adult patient OXBAV012.

3.4.4.2 Neonatal Transient Mesh Independence

A mesh independence study was also conducted for transient simulations of a neonatal patient

with patient-speci�c boundary conditions at the inlet, detailed in Section 3.5.3. Simulations of the

full cardiac cycle were run, assuming blood was Newtonian, incompressible, and a homogeneous

�uid (see Section 3.6 for the density and viscosity assumed), with the k-! SST turbulence model

incorporated. Five grids of varying density were used (see Table 3.4) they-plus value of all meshes

was approximately 1 or less, and the velocity magnitude recorded and plotted along thex-axis and

z-axis for an axial plane in the mid-ascending aorta at peak systole when the highest velocities

will be experienced within the domain. The velocity contours across the plane used for the mesh

convergence study alongside the location ofx-axis andz-axis. The results of the transient mesh

convergence can be seen in Figure 3.14 for the neonatal patient CoRaL071.

(a) x-axis (b) z-axis

Figure 3.14. Mesh independence study monitoring velocity magnitude across thex-axis andz-axis over a
plane in the mid-ascending aorta for neonatal patient CoRaL071.

It is clear that along both thex- andz- axis', the mesh densities used are not impacting the �ow

�eld and are in excellent agreement. From the results presented in Figures 3.14 and 3.15, it

can be taken that the coarse meshing strategy (mesh 1), corresponding to2; 099; 970elements in
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Figure 3.15.Neonatal transient mesh independence study showing velocity magnitude contours over a slice
in the mid-ascending aorta. Dashed lines representx andzaxis' used to plot velocity data.

(a) x-axis (b) z-axis

Figure 3.16.Mesh independence study monitoring velocity magnitude across thex- andzaxis over a plane
in the mid-ascending aorta for adult patient OXBAV012.

patient CoRaL071, is appropriate for the neonatal patients being considered within this research.

However, as the neonatal patients' vessels are considerably smaller than those of the adult patients,

the mesh density must also be investigated in adult vessels.

3.4.4.3 Adult Transient Mesh Convergence

A mesh convergence study was conducted on an adult patient (OXBAV012) with the supra-aortic

vessels included and transient simulations were run with spatio-temporal patient-speci�c inlet

conditions and out�ow conditions applied to the outlets. Blood was assumed to be Newtonian,

incompressible, and homogeneous (see Section 3.6 for density and viscosity of �uid). Thek � !

SST turbulence model was incorporated into the model. Four grids of varying density (meshes

1-4 in Table 3.4) were used, they-plus value of all meshes was approximately 1 or less, and the

velocity magnitude along thex- and z-axis' across a plane in the mid-ascending aorta at peak

systole were plotted, the location of which are shown in Figure 3.17. The results of the mesh

convergence study can be seen in Figures 3.16 and 3.17. It is clear that the velocity magnitude

is not being impacted by the mesh densities selected and the results are in excellent agreement.

Based on the results from Figures 3.13 and 3.16, mesh 3 was selected for use for all simulations

of adult patients as this mesh has been shown to produce results independent of mesh density for

both steady state and transient results.
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