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ABSTRACT

Cardiovascular diseases cause over 47 % of all deaths in Europe each year. Computational
fluid dynamics provides the research community with a unique opportunity to investigate
cardiovascular diseases with the intent of enabling optimised, patient-specific medical
therapies. Incorporating physiologically accurate geometries and boundary conditions
into computational fluid dynamics simulations can be difficult tasks and are a concern for
researchers. This thesis analyses the impact various inlet and outlet boundary conditions
can have on the outcome of a simulation. It also presents a novel, semi-automated process

that prepares accurate geometrical models for haemodynamic simulations.

Firstly, rabbit and human aorta models were used to analyse the impacts of boundary
conditions on haemodynamic metrics used for understanding cardiovascular disease
pathology. Comparisons were made between traction free, Murray’s Law, three-element
Windkessel, and Murray’s Law/in vivo data hybrid outlet boundary conditions. Steady-
state, transient, fully-developed and plug-type inlet boundary conditions were also
investigated. Results showed that when advanced models such as the three-element
Windkessel are unavailable, the Murray’s Law based outlet returns the most
physiologically accurate haemodynamics. Results also showed that prescribing a transient
simulation and a fully-developed flow at the inlet are not required when the focus is only
on the flow within the aorta and around the intercostal branches.

Secondly, a sensitivity test was conducted on the simulation of Left Ventricular Assistive
Device (LVAD) configurations. The effects of flow ratios between the LVAD and aortic
root on haemodynamic metrics were quantified. The general irregular sensitivity of the
subclavian and carotid arteries to flow ratios indicates that the perfusion and wall shear
stress-based haemodynamic metrics within these arteries cannot be accurately predicted
unless the flow ratios are incorporated into the preoperative planning of the optimal
LVAD configuration.

Finally, a semi-automated reconstruction process combining magnetic resonance
angiography and optical coherence tomography data was developed. The process was
successful in its ability to create an accurate geometry in a relatively short time. This

forms the foundation on which more sophisticated methods can be developed.
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CHAPTER 1

INTRODUCTION

1.1 Overview of the Chapter

A brief overview of, i) relevant Cardiovascular Diseases (CVDs), ii) how Computational
Fluid Dynamics (CFD) is used to understand CVD pathology and iii) the processes
commonly undergone during the CFD process to simulate haemodynamics and the
particulars of making CFD useful for understanding CVDs will be outlined within the
introduction. More detailed and specific introductions and justifications for the aims and
objectives of this thesis will be given in their corresponding chapters, as the issues
addressed in each chapter significantly differ enough to justify splitting the introductions

and justifications of the work into their corresponding chapters.

1.2 Cardiovascular Disease Pathology

CVD causes over 4 million (47 %) of all deaths in Europe each year [1]. Common
examples of CVD include angina, myocardial infarction, peripheral vascular disease,
stroke and Heart Failure (HF) [2]-[5]. Currently the main pathologies of concern in CVDs
are atherosclerosis and thrombosis, and there is potential to assist more patients if these
problems can be eliminated [6]. Therefore, from a clinical point of view, assessment of
these CVDs potentially plays a key role in choosing one medical device or therapy over
another for an individual patient [7]. Before approaching the work undertaken in this
thesis, it is first important to gain a broad understanding of relevant CVD pathologies.
The main CVDs of concern within each chapter of this thesis include atherosclerosis and

thrombosis, each of these CVDs will now be briefly described separately.

1.2.1 Atherosclerosis

Atherosclerosis is the build-up of fatty substances, such as cholesterol within the wall of
arteries and is known as a fundamental cause of CVDs [8]. These fatty substances are
often referred to as plaque or atheroma. Plaque causes the affected arteries to narrow
(known as a stenosis), which creates higher velocities around the stenosis and hence
activates platelets and induces thrombosis [9], [10]. This process can ultimately cause a
fatal lack of blood flow to the heart and brain [8], [10]. The formation of atheroma begins
when Low Density Lipoprotein (LDL) in the bloodstream passes through the endothelial

layer within the vessel wall and accumulates between the intima and media layer. The
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accumulation is dependent on the concentration of LDL in the bloodstream and the
condition of the endothelium. Whilst between the intima and media layer, the LDL
oxidises, oxidised LDL is toxic and causes inflammation. Monocytes respond by
engulfing the oxidised LDL and become foam cells. When the foam cells die, they release
their lipid content, creating what is known as a lipid core or plaque. As this sequence
repeats itself, the plaque increases in size, ultimately protruding into the lumen, hence
reducing the artery’s cross-sectional area [11]. A patient is at increased risk of suffering
from atherosclerosis if they have hypertension, smoking habits, hyperlipidemia, diabetes,

social stress, a sedentary lifestyle, or a viral infection [12].

Atherosclerosis development is known to be associated with local flow conditions as well
as biological factors (LDL behaviour etc), with plaques most frequently developing in
close proximity to bifurcation sites [13], [14]. This thesis will focus on the local
haemodynamic effects on atherosclerosis and ignore the effects of the biological factors,
as they are not within the scope of this work. In terms of local flow conditions, low and
oscillatory endothelial shear stress is widely accepted to be associated with
atherosclerosis development [15]-[19]. This theory will be used as a basis of analysing

performance throughout the thesis.

Foam Fatty  Intermediate Atheroma Fibrous  Complicated
Cell Streak Lesions Plaque Lesion/Rupture

Figure 1.1 — Illustration of the development of atherosclerosis within an artery, this image

has been adapted from Koenig et al [20].

1.2.2 Thrombosis

Thrombosis is the formation of a blood clot (thrombus) within the cardiovascular system,
it involves the adherence of circulating platelets to sites of endothelial injury or
atherosclerotic plaque rupture [8], [21]. Arterial thrombosis is a potentially fatal condition
as it can lead to ischemic attacks, strokes, neurological events, heart attacks and
impairment of kidney and liver function [21]-[25]. Thrombosis can be characterised by
the Virchow’s triad: the nature of the surface, the condition of the blood and the local
flow conditions [7]. Similarly to atherosclerosis, this thesis will again focus on the local

flow conditions and ignore the other two aspects of Virchow’s triad, as they are not within
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the scope of this work. In terms of flow conditions, it is widely believed that slow,

stagnant or recirculating flow and low shear stresses promote thrombosis [26], [27].

Healthy Plaque with Cap ruptures Blood clot forms, Dead heart tissue
human heart fibrous cap blocking artery at site of blockage
Figure 1.2 — lllustration of the development of a thrombus within a coronary artery,

leading to a myocardial infarction [28].

1.3 Cardiovascular Diseases and CFD

Simulating blood flow through the use of patient-specific imaging began in the late 1990s
[29]-[31]. Advances in vascular biology, biomechanics, medical imaging and
computational techniques including CFD have provided the research community with a
unique opportunity to investigate diseases and complications of carotid arteries [32], [33],
coronary arteries [34], the aorta [35], aortic dissections [36]-[38], cerebral circulation
[39]-[41] and aneurysms [42]. The implementation of CFD also now plays an important
role in the development of medical devices [43]. The increasing power-to-cost ratio of
computers and the advent of methods for subject-specific modelling of cardiovascular
mechanics have made CFD-based modelling sometimes even more reliable than methods

based solely on in vivo or in vitro measurements [44].

In the application of investigating CVD pathology, the process of performing CFD

analysis will now be briefly described:

Problem Definition. The goals of an investigation and the subsequent area of interest
within the cardiovascular system is defined.

Geometry Construction. Once the area of interest is defined, the patient is usually

subjected to 3D Magnetic Resonance Imaging (MRI), Computed Tomography (CT) or

ultrasound in order to obtain raw geometrical data [43]. The DICOM file type is usually

made up of many slices of cross-sections of the area of interest taken in the X, Y and Z

planes. This file is used as a basis to create a 3D volume using advanced reconstruction

algorithms. Vascular Modeling Toolkit (VMTK) (http://www.vmtk.org/) offers a variety
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of advanced reconstruction algorithms that are able to differentiate between the contrast
of neighbouring volume cells within the DICOM data. These algorithms are able to detect
boundaries between high and low contrast volume cells and replace the boundaries with
surfaces. These surfaces are then manipulated to represent the area of interest. This is a
semi manual process that ultimately produces a surface mesh which is checked for
possible errors, corrected, and then exported as an STL file type. The STL file is then
reverse engineered in a CAD package to produce a clean (more effective for CFD
simulations) geometry file. The IGES file is the preferred final file type as it allows for
the geometry to be easily manipulated to incorporate medical devices such as bypass

grafts etc.

Mesh Generation. The geometrical file (IGES) is then imported into the programme
‘ANSYS-Meshing (ANSYS Inc., Canonsburg, PA, USA)’, where various meshing

techniques can be implemented to create an adequate mesh for the problem at hand.

Boundary Conditions. During the geometrical reconstruction process, the arterial tree is
truncated. This means that at certain locations in the geometry, a cut is made to omit the
downstream (or upstream if it will represent an inlet) vessels. This cut is then replaced
with a plane which represents the cross-section of the lumen at that location. This surface
will later be prescribed a realistic Boundary Condition (BC). This process is performed
to simplify the geometry and constrain the fluid domain to the area of interest, as
including unnecessary vessels in the geometry will increase computational demand with
no true benefit. Each truncation point needs to be prescribed a velocity or pressure value.
A steady or pulsatile velocity is usually defined at the inlet depending on the requirements
of the problem. Ideally, a patient-specific flow rate will enable an accurate velocity
waveform to be applied at the inlet. The acquisition of patient-specific inlet and outlet
BCs can often be difficult in cardiovascular problems due to the sparsity of relevant data.
When patient-specific data is sparse, often a generic zero pressure is applied to the outlet
boundary, this is however limited in its ability to represent realistic haemodynamics.
Therefore, more advanced methods can be implemented in replacement of patient-

specific flow rates or pressure (which will be described in detail in Section 1.4).

The aforementioned BCs are prescribed during the pre-processing stage and are inputted
into the pre-processor ANSYS-CFX Version 17.1 (ANSYS Inc., Canonsburg, PA, USA)
or ANSYS-Fluent Version 17.1 (ANSYS Inc., Canonsburg, PA, USA).

Solving Method. Following the above steps, the computer is then left to run the
simulation using a relevant solution scheme. During this time, the computer attempts to
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come to an approximate solution of the governing fluid flow equations (Navier-Stokes).
Time for the solving process to finish can vary significantly depending on various factors.
These factors often include, i) whether the simulation is steady-state or transient, ii) the
number of elements included in the mesh, iii) the computational power of the machine
the simulation is running on, iv) whether the simulation is run on one Central Processing
Unit (CPU) or multiple, v) the number of cardiac cycles accounted for in a transient
simulation, vi) the number of coefficient loops within each timestep, and vii) the

convergence criteria.

Post-Processing. A result file is produced once the simulation is completed. This results
file is imported into a post-processing package, such as ANSYS-Post (ANSYS Inc.,
Canonsburg, PA, USA) or Ensight 10.1.6 (CEI Inc., Research Triangle Park, NC, USA)

to allow images and data to be extracted for analysis.

1.4 Proposed Methodology

In this section, specific methods that are used frequently throughout the thesis are
described in more depth. This will provide the reader with a broad understanding of the
processes undergone during each project. Some processes outlined in Section 1.3 will be

omitted from this section as they are better described in their corresponding chapters.

1.4.1 CFD Solver

During CFD simulations, the computer aims to solve the equations which govern fluid
flow at each node within the mesh. In both steady-state and transient simulations, blood
flow is defined as a three-dimensional, incompressible, isothermal, Newtonian and
laminar flow. In reality, blood is a non-Newtonian fluid, which must be accounted for
when investigating small vessels. However, it is often neglected when investigating
haemodynamics within larger vessels where the effects are less prominent [45]. The

Navier-Stokes equations are used as the basis for most CFD problems [46].

In the CFD simulations in this thesis, the blood flow is defined as a three-dimensional,

incompressible, isothermal, Newtonian and laminar flow, whose governing equations are:

Continuity equation,

(1.1)
and Navier—Stokes equation,
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where u is the velocity vector, t is the time, p is pressure, u is the dynamic viscosity, and

p is the density of the blood.

The governing fluid dynamics equations are solved numerically using a hybrid finite-
element/finite-volume code (ANSYS-CFX-Version 15.0), using a fully implicit second-
order backward Euler differencing scheme. The convergence criterion (a normalised
residual, obtained based on the imbalance in the linearised system of discrete equations)
is set to 10°° in this study. A commercial visualisation tool, Ensight 10.1.6 was used to
post-process the results.

1.4.2 Steady-State vs Transient Simulations

Throughout the thesis, both steady-state and transient cases are used to investigate
haemodynamics. Steady-state simulations are equivalent to a snapshot of the flow, thus
making the solving process much simpler and quicker. The BCs needed to be
implemented during a steady-state simulation are also often much simpler than in a

transient case.

Transient simulations offer the benefit of being able to capture the haemodynamics
throughout the entire cardiac cycle. A Fourier series transform is used to represent the
pulsatile velocity inlet of the model and is implemented into the pre-processing stage of
CFD, this is known as a transient or pulsatile velocity profile. The cardiac cycle is then
split up into a number of timesteps, approximately 800 timesteps per cardiac cycle can be
expected typically. The computer solves the governing equations at each timestep, once
the convergence criteria or an iteration threshold is reached, the solver moves to the next
timestep until the simulation is finished.

Transient simulations present significant benefits compared to steady-state simulations as
they are able to capture important flow characteristics that are otherwise unavailable in
steady-state simulations. More advanced haemodynamic parameters such as Time-
Averaged Wall Shear Stress (TAWSS) and Oscillatory Shear Index (OSI) are also able to
be extracted from a transient simulation, which is otherwise impossible for steady-state
simulations. These advanced haemodynamic parameters will be described in more detail
in Section 1.4.5. The main drawback of running transient simulations, however, is the

complexity of setting the simulation up and the solution time required. The simulation
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time for transient simulations are often many times greater than that of steady-state

simulations, depending on how many cardiac cycles are accounted for.

1.4.3 Inlet Boundary Conditions

During the geometrical reconstruction process of the area of interest, the arterial tree
needs to be truncated (split at a certain point), and replaced with a flow BC. Imposing the
correct BC that will represent physiological flow is important for investigating CVD
pathology. Often, incorporating a fully-developed profile at the inlet and outlets is
important. This can be achieved either numerically by applying a velocity profile based
on an equation, or by affixing a flow extension to the inlet and outlets. This allows the
flow to be fully-developed by the time it reaches the true inlet or outlet, thus creating a

more realistic simulation.

1.4.4 Outlet Boundary Conditions

Appropriate truncation locations need to be positioned in the model in order to capture
physiological downstream conditions whilst being efficient with the computational
domain size. Outlet truncation points are usually positioned after the first few generations
of large arteries [47]. The types of outlet BCs used in this thesis will now be described

separately.

Traction Free. Considered one of the simplest BCs to apply in a simulation, a ‘traction
free’ or ‘zero pressure’ condition is applied to each outlet individually and defined as an
‘opening’ to allow for flow reversal at the boundary if it occurs. This BC is used in various
models due to its simplicity and when patient-specific in vivo measured flow rates are not
readily available [43], [48], [49]. The traction free BC is similar to assuming the vessel
is cut and exposed to atmospheric conditions and hence neglects the resistive effects of

downstream vessels [50].

Murray’s Law. Murray’s Law (ML) states that flow in a vessel is proportional to the
diameter of the vessel lumen cubed:

. 3
moc D (1.3)

This leads to the application of ‘flow splits’ (also known as ‘flow percentage’ or ‘flow
ratio’), referring to the percentage of flow assigned to an outlet boundary dependent on
the total inlet flow rate. Murray’s Law (ML) [51], [52] can substitute or be used in
conjunction with incomplete in vivo data. Recently the prescription of flow splits has

replaced the traction free (or zero pressure) outlet BC when the diameter of the vessel is
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known or due to existing data [53]-[56]. For example, Vincent et al. [53] combined ML
with in vivo data by Barakat et al. [57] to create a realistic simulation of haemodynamics
through a complex cardiovascular geometry. The in vivo data comprised of measured
flow rates at a portion of the total vessels included in the geometry. A percentage of the
equivalent inlet mass flow rate value is assigned individually to each vessel outlet. The
mass flow rate percentages are based on Eq. (1.3). The mass flow rate per outlet is
converted to its velocity counterpart by accounting for the outlet cross-sectional area. This

value is then assigned as a velocity normal to the boundary and defined as an ‘outlet’.

Three-Element Windkessel. More advanced models can also be applied at the outlets in
order to capture the resistance and compliance effects of the proximal and distal vessels
in the arterial tree from corresponding outlets. The three-element Windkessel [58] has
become one of the most widely used and accepted lumped parameter model of the
circulatory system as it tends to produce realistic aortic pressures and flows [59], [60]. It
has had particular success in the study of haemodynamics following the insertion of a
Left Ventricular Assist Device (LVAD), and is still being used in the latest CFD-based
cardiovascular research to date [36], [45], [59], [61]-[68]. Therefore, a three-element
Windkessel model has been developed in this thesis in order to be applied to aortic
simulations which are able to capture physiologically realistic haemodynamics, this
method is specifically used in Chapters 3 & 4.

When the three-element Windkessel is incorporated into the simulation, the 3D domain
is coupled to a three-element Windkessel model (see Figure 1.3 and Figure 1.4 for an
illustration of the concept). The implementation of the three-element Windkessel is
derived from Eq. (1.4) [59].

b _ CPria Ry +Qy Ry -AL+Qy Ry -At+C-Qy Ry Ry —C-Qua Ry Ry
" At+C-Ry

(1.4)

Eqg. (1.4) is coupled to each outlet separately, in concept, this equation essentially
represents applying a zero dimensional circuit diagram to each outlet which is able to
capture the resistance and compliance of the vessels in the arterial tree. Eq. (1.4) is
implemented by coupling a Fortran subroutine with ANSYS CFX which is called at the
end of every coefficient loop, where Py is a pressure recalculated for each outlet and is
assigned as a BC value at the start of the following coefficient loop. Pn.1 is the
corresponding boundary pressure read from the end of the previous timestep. Qn is the
corresponding boundary volumetric flow rate read from the end of the current coefficient

loop. Qn-1 is the corresponding boundary volumetric flow rate read from the end of the
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previous timestep. Rp and Rq represent proximal and distal vessel resistances respectively.
The compliance (C) represents an artery’s ability to store and then release flow during
systole and diastole respectively, analogous to a capacitor in an electrical circuit [59],
[69], [70]. At is the timestep size. The boundary specific resistance and compliance
parameter values where obtained by in vivo measurements collected by La Disa et al. [63]

and are given in Table 1.1.

A main subroutine is called at the end of every coefficient loop and was used for
extracting the variables Qn, Qn-1, Pn-1, and Az from the 3D domain and then implementing
them into Eq. (1.4) to determine the P, value for each boundary. Five values (each value
for a separate outlet boundary) of P, are then saved to text files, these files are
subsequently read by five other subroutines when the solver is inputting the BCs during
the subsequent coefficient loop. During the Windkessel implementation, flow rates (Qn
and Qn-1) are initialised with values of zero. P, and Pn.1 are initialised with absolute

pressures of 9.24 kPa. The reference pressure is set to 8.24 kPa.

Table 1.1 — Three-element Windkessel model parameter values for the outlet boundaries.
Rp represents the proximal resistance, Rq represents the distal resistance and C represents
the compliance of the proximal vessels. Values were obtained via LaDisa et al. [63] and

converted into Sl units.

C Rp Rd
(m*s?kg™) (kg-m™-s1) (kg:m™-st)
Right Subclavian Artery 9.1490-10°10 1.0110-108 1.7038-10°
Right Common Carotid Artery ~ 6.0720-10%°  1.5230-10° 2.5670-10°
Left Common Carotid Artery  6.0720-107° 1.5230-108 2.5670-10°
Left Subclavian Artery 7.4770-1071° 1.2370-108 2.0847-10°
Thoracic Aorta 4.6231-10° 2.0000-10° 3.3720-108
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Velocity

Figure 1.3 — lllustration of how the 3D domain is coupled to the three-element Windkessel

model.

. E Fortran Subroutine
3D Domain Qn, Qn-1, P, At ! Rp Ry

- <
Py ! C

1

1

Figure 1.4 — Illustration of how the 3D domain is coupled to the OD circuit via a Fortran

subroutine.

1.4.5 Haemodynamic Metrics

The localisation of various vascular wall modifications (including atherosclerosis and
thrombosis) have been extensively studied and are related to different local
haemodynamic metrics [14], [71]-[76]. These haemodynamic parameters can be directly
derived from the flow velocity fields obtained by CFD simulations.

A variety of haemodynamic metrics have been proposed in the literature in an attempt to

associate haemodynamics with vascular wall modification [77]. However. given the
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number of metrics available, it can be confusing when deciding which metrics are
important to include in studies and which are redundant [77]. The parameters chosen for
this thesis include WSS, TAWSS [78], OSI [78] and RRT [77], calculated according to
Egs. (1.5)-(1.8), which are the most studied and widely accepted metrics within the

literature, as will be discussed later in this section.

WSS =17 :_ﬂ(a_uj (1.5)
W o )wall
1 T
TAWSS =T£rwdt (1.6)
T
osi -1 1—!TWO|t Yy Pl (1.7)
21T T 217 TAWSS '
.wa‘dt
0
RRT=_ * 1
1] (1—2x0SI)xTAWSS (1.8)
? J.TW dt
0

In the above equations, 7, is the WSS vector and T is the time period of the flow cycle.

These parameters have been chosen because, i) localised distribution of low-WSS and
high-OSI strongly correlate with the locations of atheroma [78], [79], ii) platelet
activation may be induced by the combination of large exposure time and high shear stress
[80]-[83], iii) stagnant and recirculating flow regions can cause platelet aggregation and
thrombosis [84].

Each haemodynamic metric will be discussed below separately. Each haemodynamic
metric is evaluated using the commercial visualisation tool, Ensight 10.1.6 along with

various Python scripts.

Wall Shear Stress. The most common haemodynamic metric, known as WSS, refers to
the frictional stress exerted by the blood flow on the vessel wall [16], [71], [85]. Although
pathology of atherosclerosis is complex in its nature, flow induced shear stress on the
vessel wall has been identified as an essential factor in atherosclerosis development [85].
Ina cohort of 22 CFD practitioners, all of the participants used WSS as a tool for assessing
the risk of aneurysm rupture, hence illustrating the wide acceptance of this metric as
crucial for investigating cardiovascular pathology to date [14], [86]. As shown in Eq.
(1.5), the shear stress is proportional to the velocity gradient at the vessel wall and fluid

viscosity.
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Time-Averaged Wall Shear Stress. In most cardiovascular problems, it is important to
account for the pulsatility of the blood flow as it allows true representation of the nature
of haemodynamics throughout the entire cardiac cycle and allows for more advanced
haemodynamic metrics to be extracted. This leads to the advent of TAWSS, which is
calculated by averaging the WSS value at each node in the computational domain, as
shown in Eq. (1.6) [77], [78]. Despite the benefits of TAWSS in understanding vessel
wall modification, the specific relationship between TAWSS and atherosclerosis is still a
topic of debate between researchers. It was first suggested that high WSS protected the
vessel wall and that atherosclerotic lesions occur in regions of low WSS [87]. More recent
works of Peiffer et al. [19] reviewed several papers and concluded that low WSS is in fact
accepted as being related to the deposition of atherosclerotic lesions. Directly correlating
TAWSS with atherosclerotic lesion deposition is however not yet considered to be a fully-
robust concept, it is still currently of interest to develop more advanced relationships

between haemodynamic metrics and the risk of atherosclerotic lesions [14].

Oscillatory Shear Index. A dimensionless metric which represents the changes in WSS
direction has been introduced [78], [88]. This metric is calculated according to Eq. (1.7)
[77]. Its value can fluctuate between 0 and 0.5, with O representing uni-directional flow,
and 0.5 representing purely oscillatory flow over the cardiac cycle. Regions with high
values of OSI have previously been suggested to coincide with early atherosclerotic
lesions [89]. Furthermore, regions with low values of TAWSS usually also experience
high values of OSI, due to the nature of how OSI is calculated (TAWSS is the
denominator), hence the term ‘low and oscillatory shear’ being a common term that is
used in proposed theories of regions prone to vascular modification [19]. However, this
theory is not yet accepted to be completely robust, as presented in a review by Peiffer et
al. [19]. Furthermore, a limit to this parameter is that it is unable to represent the

magnitudes of shear stress.

Relative Residence Time. Himburg et al. [90] showed that residence time of particles
near the arterial wall is proportional to a combination of TAWSS and OSI. High values
of RRT have shown a strong correlation with the localisation of atherosclerotic plaque
within a small cohort of mice [91]. By interpreting Eq. (1.8), it is possible to appreciate
that as OSI approaches its limit of 0.5, RRT magnitude begins to increase significantly.
Meaning that at sites where particles are oscillating a lot, the residence time of the
particles in that region will be high, thus suggesting the potential development of

atherosclerosis and thrombosis [91], [92]. This makes RRT a useful metric in studying
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the effect of haemodynamics on vascular wall modification [90]. RRT has been shown to
be in close correlation to TAWSS, but inverted and with a more understandable
connection to the biological mechanisms underlying atherosclerosis [77], [90]. RRT is a
usually a relative value, with the reference value being around the inlet of the domain
where the RRT is expected to be at its lowest. Hence, it is usually normalised to provide

a better understanding of the metric.

Perfusion. Perfusion is another haemodynamic metric that is important to calculate when
investigating haemodynamics, particularly in the study of optimising LVAD
configurations (as used in Chapter 4). A LVAD extracts blood entering the failing left
ventricle, the blood passes through an axial pump and is expelled via an outflow conduit
which is anastomosed to the Ascending Aorta (AA0). Perfusion to the aorta is usually
unphysiological when a patient has an implanted LVAD, and hence can run the risk of
ischemic attacks [93]-[96]. Ischemic stroke due to malperfusion however does tend to
differ from patient to patient with an implanted LVAD, as shown in a study of 956 patients
with an implanted LVAD [96]. Therefore, patient-specific optimisation of these devices

is crucial to ensure adequate perfusion to all organs of each patient.

Batteries

HeartMate Il LVAD

System Controller

Figure 1.5 — lllustration of an implanted HeartMate 11 LVAD. The image is adapted from
Griffith et al [97].

15 Aim

In the research branch of studying CVDs using CFD, two areas have been identified as
being important to enhancing the understanding of CVD pathology. There is a need to
better understand the impact various BCs can have on simulation results. There is also a
need to improve the accuracy of coronary artery geometrical models for investigating

coronary artery disease pathology. These two areas concern the need to improve CFD as

32



a tool to understand CVDs. Hence, the aim of this thesis is to improve CFD as a tool to
understand CVDs.

1.6 Objectives
In order to achieve the aim of this thesis, it is broken down into the following four

objectives:

1.

Quantify the impact widely used conventional inlet and outlet BCs have on aortic
haemodynamics.

Quantify the impact conventional and advanced outlet BCs have on aortic
haemodynamics.

Determine whether HF severity needs to be incorporated into the preoperative
planning of LVAD configurations.

Develop a novel geometrical reconstruction method for the accurate 3D
representation of coronary arteries, which are to be used for associating

haemodynamic metrics with coronary artery diseases.

1.7 Contribution to Knowledge

The main contributions to knowledge of this thesis are:

The quantification of the impact the most widely-used inlet and outlet BCs have
on various haemodynamic metrics used for predicting the localisation of CVDs
within aorta models. Previous studies in the literature do not appear to present
findings in a clear way for CFD practitioners to easily understand when they are
deciding on the most physiologically accurate BCs to use in their simulations.
The investigation on the necessity of incorporating heart failure severity during
preoperative planning of LVAD configurations, as HF severity is often neglected
in relevant studies.

The development of a novel method of reconstructing coronary artery geometries
to an accuracy that has not been achieved until now. The reconstruction is in
preparation for CFD simulations to associate haemodynamic metrics with risk of

atherosclerotic lesion erosion and rupture.

1.8 Organisation of Thesis

Each chapter will begin with a brief review of the relevant literature regarding the

corresponding chapter and will justify the necessity of the chapter, followed by the

methodology used and the results of the specific study.
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Chapter 2 will begin the thesis by quantifying the impact various conventional inlet and
outlet BCs have on aortic haemodynamics within a subject-specific rabbit aorta. Effects
of various inlet and outlet BCs on haemodynamics have been studied in the literature,
however these studies do not use such an accurate subject-specific model with
corresponding in vivo data for validation. Nor have these studies presented the findings
in a clear way for CFD practitioners to easily understand when they are deciding on the
most physiologically accurate BCs to apply in their simulations.

Chapter 3 builds on the lessons learned in Chapter 2 by incorporating a more advanced
outlet boundary method known as the three-element Windkessel. The parameters required
to implement the three-element Windkessel model were unavailable for the rabbit aorta
geometry. Therefore, the traction free, ML and three-element Windkessel based outlet
methods are studied in this chapter using a patient-specific model of a 23 year old female
aorta. A Fortran subroutine is developed in this chapter to enable the incorporation of the
three-element Windkessel model into ANSYS-CFX.

Now that a firm understanding is in place of the most physiologically accurate outlet BCs
to apply in the study of aortic haemodynamics, this knowledge is applied to further the
understanding of the computational study of LVADs. Specifically, Chapter 4 investigates
the necessity of incorporating HF severity during preoperative planning of LVAD
configurations, as HF severity is often neglected in relevant studies.

The previous chapters focus on the impact various types of computational BCs can have
on the outcome of CFD investigations of aortic CVDs. Chapter 5 shifts the focus to the
accuracy enhancement of the reconstruction of coronary artery vessels for CFD
simulation applications. This chapter addresses the need for more accurate geometrical
reconstruction techniques in order to begin associating haemodynamic metrics with
atherosclerotic rupture and thrombus development. Reconstructing such an accurate
geometry has been a difficult and complex challenge to date for researchers which has
not been achieved until now. A novel semi-automated and more accurate reconstruction

technique is development in this chapter.

Finally, Chapter 6 ends the thesis by concluding the work studied and recommends

potential future work.
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CHAPTER 2

IMPACT OF CONVENTIONAL INLET/OUTLET BOUNDARY

CONDITIONS ON HAEMODYNAMIC METRICS

2.1 Introduction

For over a decade, patient-specific haemodynamic modelling using CFD has grown to
become an essential tool in the study of CVDs [49], [98]. The application of CFD in this
area has grown motivated by both clinical and scientific needs to understand and predict
CVDs associated with flow features that cannot easily be extracted via standard
experimental techniques [49]. Some of the current metrics extracted from the
haemodynamic flow features to predict CVD behaviour include, WSS, TAWSS, OSI and
RRT [45], [46], [72], [73], [75].

With the increased use of CFD, comes a growing need to understand the impact and
influence of the various inlet and outlet BCs that can be applied. The BCs are generally
only clinically identifiable to a low degree of accuracy, and as such, any numerically
calculated haemodynamic metric is subject to an unknown degree of certainty. In essence,
without careful consideration of the sensitivity to relevant parameters to these BCs, it is
difficult to draw firm conclusions from the predictive capability of these numerical tools
[99]. Particular attention and research is currently paid to BCs, as they are of critical
importance to the haemodynamics within the Thoracic Aorta (TAo) [43], [49], [100],
[101].

Whenever possible, incorporation of fully-personalised, non-invasive in vivo
measurements of time-dependent flow rates, flow ratios or pressure waveforms are
necessary for subject-specific analysis of aortic haemodynamics [102]. However, it can
be difficult to obtain these physiological measurements for the many inlets and outlets
that the cardiovascular system may have [49], [103]. When this is the case, there are
complex OD or 1D methods such as the 3-Element Windkessel [104] which attempt to
capture the resistance of the proximal and distal arteries of the boundary as well as the
capacitance of the downstream vessels. These resistance and capacitance values are based
on measured blood pressure and flow rates, however, acquiring these model parameters
can be a difficult task, often due to practical difficulties in the acquisition of pressure and

flow data of all required sites, or the measurement data available is insufficient for
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accurately estimating these model parameters [104]. Hence, despite more reliable
methods existing, it is still common amongst the cardiovascular research community to
use simpler outlet BCs such as zero pressure [38], [50], [86], [105]-[109], flow ratios
based on ML [86] and the combination of flow ratios based on ML and in vivo data [53],
[56]. To put this into some perspective, during the 2013 intracranial aneurysm rupture
challenge, 12 of 26 participating CFD groups defined zero pressure at all outlets, 12
applied flow splits (either arbitrary values or based on ML), whilst 2 implemented a 3-
Element Windkessel model [86].

ML [51], [52] can substitute or be used in conjunction with incomplete in vivo data. ML
states that flow in a vessel is proportional to the diameter of the vessel lumen cubed, refer
to Eq. (1.3). This leads to the application of ‘flow splits’ (also known as ‘flow percentage’
or ‘flow ratio’), referring to the percentage of flow assigned to an outlet boundary
dependent on the inlet flow rate. Recently the prescription of flow splits have replaced
the traction free (or zero pressure) outlet BC when the diameter of the vessel is known or
due to existing data [53]-[56]. For example, Vincent et al. [53] combined ML with in vivo
data by Barakat et al. [57] to create a realistic simulation of haemodynamics through a

complex cardiovascular geometry.

Despite the work by Morbiducci et al. [100], Gallo et al. [102], Cito et al. [99] and those
reviewed by Taylor & Figueroa [43] and Caballero [49], there appears to be a lack of a
comparison between the effects of outlet BCs based on, i) zero pressure, ii) flow ratios
based on ML, and iii) the combination of flow ratios based on ML and in vivo data using

a complex aorta model.

Therefore, the objective of this chapter is to assess the impact of using the most widely-
used and relatively simple to implement inlet and outlet BCs on various haemodynamic

metrics used for predicting the localisation of CVDs on a complex aorta model.
2.2 Method

2.2.1 Geometrical Model

The precise geometry of a rabbit aortic arch and descending TAo is studied here (created
and studied by Vincent et al. [53] and has also been used in a number of other studies
[54], [56], [110]. The geometry starts from the AR (i.e., sinotubular junction) and includes
the innominate, left subclavian and intercostal branches (Figure 2.1). The geometry is that
of a male New Zealand white rabbit aged 18 months, weighing 3.25 kg. By studying such

a complex aortic structure, one is able to gain a better understanding of the impact certain
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BCs will have on the haemodynamics within similar aorta models, including the human

aorta.

Figure 2.1 - Schematic of the present rabbit aorta configuration. (a) Inlet: AR (sinotubular
junction); (b)-(d) Outlets: right subclavian, right and left common carotid arteries; (e)-(k)

left subclavian arteries; (I)-(u) intercostal arteries, and (v) outlet: abdominal aorta.

2.2.2 Computational Domain

The geometry was meshed using ANSYS-ICEM CFD Version 14.5 (ANSYS Inc.,
Canonsburg, PA, USA). The mesh was based on a finite volume hybrid mesh consisting
of tetrahedral elements within the core region and prism layers (3 elements thick) near
the wall to allow for large spatial velocity gradients (see Figure 2.2). While all the meshes
used in this study consists of ~4 million elements, in the case of ‘Test 4’ (see Table 2.1),
an extension region consisting of =1 million elements was affixed to the inlet of the

original mesh to allow flow to fully develop.
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(a) (b)

Figure 2.2 - Schematic of the mesh used for the present simulations. (a) View of the mesh
through the ascending and DAo; (b) Cross-sectional image of the mesh at the aorta root

inlet.

2.2.3 Numerical Procedure

In both the steady-state and pulsatile simulations, the blood flow is defined as a three-
dimensional, incompressible, isothermal, Newtonian and laminar flow. Dynamic
viscosity (u) and density (p) of the blood are set to 4.043 g-m™*-s? and 1044 kg-m,
respectively [53], [54]. The governing equations are solved numerically using ANSY'S-
CFX Version 15.0, using a fully implicit second-order backward Euler differencing
scheme. The convergence criterion is set to 1-10° in this study. Commercial visualisation

tool, Ensight 10.1.6 was used to post-process the results.

2.2.4 Boundary Conditions

In the present configuration, no-slip BC is applied to all walls. A rigid wall model is also

assumed, which has been shown to be a valid assumption [111].

In the present work, seven test cases are studied based on the combination of inlets, outlets
and pulsatility of the flow, as shown in Table 2.1. Details of how each of these BCs are

prescribed in all test cases are given below, (also refer to Table 2.2).
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Table 2.1 - Summary of the cases studied in the present work.

Test 1
Test 2
Test 3
Test 4
Test 5
Test 6
Test 7

Inlet BC Outlet BC Pulsatile Dynamics
Uniform Non-uniform
Velocit (Fully- In Traction  Steady- Unsteady
-1ty developed vivo+ML Free State  (Pulsatile)
Profile :
Profile)
[ [ ] ([ ]
[ [ ] ([ ]
[ ] [ J [ J
[ J [ J [ J
[ ] [ J [ J
[ [ ] [ ]
[ [ ] [ ]
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Table 2.2 - Derivation of BCs for various tests. For the in vivo+ML case, 7.1 % and 14.7
% of flow entered the left subclavian and innominate artery respectively as results by
Barakat et al. [57] indicate. It was also assumed that 2 % of flow entered the intercostal
branches in total, as previously considered by Kazakidi et al. [119], but is otherwise an
arbitrary value. For all subsequent arteries, the flow was predicted using ML. For the ML

case, the flow rate through each individual outlet was proportional to its corresponding

area only.
Boundary Name Diameter Boundary Condition
(mm)
Flow Split (%) Traction Free
ML In vivo+ML
Aortic Root (@ 5.84 100 100 -
Right Subclavian Artery (b) 261 13.63 6.80
Right Common Carotid Artery (c)  2.23 8.47 4.22 Zero pressure
Left Common Carotid Artery (d)  2.13 7.37 3.68
(e) 1.08 0.97 1.17
(f 0.36 0.04 0.04
(99 0.72 0.29 0.35
Left Subclavian Arteries (h) 1.63 3.32 4.00 Zero pressure
(i) 0.82 0.43 0.52
Gg) 0.75 0.32 0.39
(k) 0.88 0.53 0.64
(I 045 0.07 0.13
(m) 051 0.10 0.19
(n) 041 0.05 0.10
(o) 048 0.09 0.16
Intercostal Artery Eg; 83? 888 818 Zero pressure
(n 057 0.15 0.28
(s) 0.59 0.16 0.30
(t 053 0.12 0.22
(uy 0.56 0.13 0.26
Abdominal Aorta (v) 4.36 63.59 76.20 Zero pressure

Inlet (Steady-state)

e Uniform Velocity: A uniform velocity of ~20 cm-s™® was applied over the entire
boundary (i.e., at the AR), with a corresponding Reynolds number of 300 based on
the inlet diameter and velocity, consistent with other studies [53], [54]

e Non-Uniform (Fully-Developed Profile): In order to generate a parabolic profile,
an extension region of length 20D (where D is the diameter of the inlet cross-
sectional area) was affixed to the inlet (a) (refer to Figure 2.1). A uniform velocity

was then applied to the new ‘pseudo’ inlet, allowing the flow to become fully-
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developed as it reaches the original inlet (a) location. This method was used as a
substitution for incorporating a parabolic profile at the inlet, in line with the method
used by Do et al. [44].

Outlet (Steady-state & Transient)

e Murray’s Law: A percentage of the equivalent inlet mass flow rate value was

assigned individually to each vessel outlet. For the steady-state simulations, the outlet
flow rates were calculated from the mean inlet flow rate. For the transient
simulations, the outlet flow rates were re-calculated at the start of each timestep. The
mass flow rate percentages were based on ML. The mass flow rate per outlet was
converted to its velocity counterpart by accounting for the outlet cross-sectional area.
This value was then assigned as a velocity normal to the boundary and defined as an
‘outlet’.

In vivo+ML: When the total flow out of an arterial bundle (e.g. left subclavian
arteries) was known due to the in vivo data [57], but the flow through the individual
artery within said bundle was not, ML was implemented for the individual vessel,
and scaled accordingly to satisfy the in vivo data. For the steady-state simulations,
the outlet flow rates were calculated from the mean inlet flow rate. For the transient
simulations, the outlet flow rates were re-calculated at the start of each timestep.
Traction Free: A ‘traction free’ or ‘zero pressure’ condition was applied to each
outlet individually and defined as an ‘opening’ to allow for flow reversal at the
boundary if it occurs. This BC is used in various models due to its simplicity and
when patient specific in vivo measured flow rates are not readily available [43], [48],
[49]. The traction free BC is similar to assuming the vessel is cut and exposed to
atmospheric conditions and hence neglects the resistive effects of downstream

vessels [50].

Pulsatile Dynamics

Steady-State: Tests 1-4 have been conducted using steady-state conditions. Steady-
state calculations allow quick comparison of different inlet and outlet BCs.

Unsteady (Pulsatile): The present geometry corresponds to a rabbit with a heartbeat
period of 0.322s and a cardiac output of 4.385¢g/s. The outlet mass flow rate at each
time step was calculated by multiplying the inlet mass flow rate at that moment in
time by the flow percentage of the respective outlet. The effects of having pulsatile

flow conditions are evaluated in Tests 5-7, where the time period (T) was taken to be
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0.322s with a time-step size of 0.001s. This time period to time-step ratio is assumed
to be adequate as it is much greater than that used in other relevant transient studies
[56], [112]. Unsteady simulations were ran for four cardiac cycles, the results were
recorded during the final cycle. The results are recorded at the end of every third

time-step and a Womersley number (a) of 6.552 was calculated through:

1/2
. B[Z”P_j 2.1)
2\ ul

In cases resulting in & >1, it is assumed that it is important to account for unsteady
nature of the flow [53]. To obtain a time-dependent, uniform velocity profile to be
applied to the inlet, the velocity profile measured at the AAo location of a similar

rabbit studied by Avolio et al. [113] was used (shown in Figure 2.3).
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Figure 2.3 - Velocity profile applied at the AR in the unsteady (pulsatile) simulations.

The velocity profile is approximately the shape of the ‘in vivo acquired’ velocity

waveform present in the AAo of a male New Zealand white rabbit with weight of 3.2 kg,

heartbeat period of ~0.322 s and a cardiac output of ~4.385 g-s%, taken from Avolio et al.
[113].

2.3 Results & Discussion

The localisation of various lesions including atherosclerosis and thrombosis have been

extensively studied and are related to different local haemodynamic metrics [71]-[75].

These haemodynamic parameters can be directly derived from the flow velocity fields

obtained by CFD simulations. Whilst the performance of these parameters on predicting

the localisation of atheroma is important in this study, the focus is on the sensitivity of

these parameters to the BCs prescribed during the numerical simulation.
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The parameters chosen for the present analyses include WSS, TAWSS [78], OSI [78] and
RRT [77]. These parameters have been chosen because i) localised distribution of low-
WSS and high-OSI strongly correlate with the locations of atheroma [78], ii) platelet
activation may be induced by the combination of large exposure time and high shear stress
[80]-[83], iii) stagnant and recirculating flow regions can cause platelet aggregation and
thrombosis [84]. Figure 2.4 and Figure 2.5 show the distributions of the above metrics,
respectively, for the aortic arch and in an unfolded lumen within the vicinity of the
intercostal branches. Figure 2.5 should be interpreted so that the vertical axis represents
distance along the aorta (with blood flow from top to bottom) and the horizontal axis

represents the circumferential distance.
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ML + Fully-
ML In vivo+ML Traction Free Developed Inlet
Velocity Profile
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Test 6 Test 7
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Figure 2.4 - Distributions of different haemodynamic parameters calculated for the aortic

arch and descending thoracic aorta, viewed from outside the vessel.
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Testl Test2 Test3 Test4 Test5 Test6 Test7

! RRT

WSS (Pa) (1Pa)
5.0 0.80™™
3.0. 0.45I
1.0 0.10

Test5 Test6  Test7

oSl (-)
5.0 ™ 0.15m

3.0 I 0.10.
1.0 0.05

Figure 2.5 - Distributions of different haemodynamic parameters calculated for a section

(Pa)

of the DAo0 containing the intercostal branch ostia. This section has been opened ventrally
and shown En face. The vertical axis represents distance along the aorta (with blood flow
from top to bottom) and the horizontal axis represents the circumferential distance.

In order to quantify the changes in these haemodynamic parameters, area-weighted
average values in a number of locations are selected, as shown in Figure 2.6. These
locations were monitored to quantify how haemodynamic metrics are affected by each

BC, thus numerically highlighting the regions most affected by the prescribed BCs.
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Area Weighted Average WSS (Pa) Area Weighted Average TAWSS (Pa)

W Testl W Test2 ™ Test3 ™ Test4 W Test5 W Test6 ™ Test7
12 12
10 - 10 A
8 - 8 -
6 6 -
4 - 4 -
2 A 2
0 - 0 -
12345678 91011121314 1234567 8 91011121314
Area Weighted Average OSI (-) Area Weighted Average RRT (1/Pa)
W Test5 M Test6 ™ Test7 W Test5 W Test6 ™ Test7
0.40 1.20
0.35 A 1.00 -
0.30 A
0.25 | 0.80 1
0.20 A 0.60 A
0.15 1 0.40 -
0.10 A
0.05 - 0.20 A
0.00 A 0.00 -
12345678 91011121314 1234567 891011121314

Figure 2.6 - Charts of area-weighted averages of metrics evaluated over various locations
illustrated at the bottom of the image.

Each haemodynamic metric will be discussed below separately.

2.3.1 Wall Shear Stress

In Figure 2.4, when changing the outlet BC from ML to in vivo+ML (Test 1 to Test 2),
only small discrepancies can be seen in the WSS distributions within the ascending aorta
as well as the aortic arch. However, the right subclavian, right and left common carotid
arteries experienced a drop in WSS magnitude from Test 1 to Test 2. Large differences

also appeared in the upper section of the descending aorta, showing that the WSS
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magnitude lost in Test 2 within the right subclavian, right and left common carotid arteries
is compensated by the higher WSS distribution within the descending aorta. Using the
popular traction free BC (Test 3) results in approximately a 75 % increase in the WSS
within all the side branches connected to the aortic arch when compared against Test 1.
Whilst WSS generally decreases by approximately 34 % within the descending aorta for
Test 3 compared to Test 1. By changing the inlet BC from uniform velocity flow rate to
fully-developed inlet (Test 1 to Test 4) whilst maintaining the same outlet BCs, the WSS
distribution close to the aortic root decreases by approximately 50%. The discrepancies

throughout the rest of the geometry between Test 1 and Test 4 are mainly insignificant.

The discrepancies between Tests 1-4 are also obvious in , where the WSS distributions
are compared for a section of the DAo containing the intercostal branches. In general,
Tests 1 and 4 produce somewhat similar WSS distributions. Whilst Test 2 experiences
higher magnitude axial streaks, mainly between the intercostal branches than the other

tests. The axial streaks in Test 3 are the least pronounced of all four tests.

Comparing the area-weighted average WSS for Tests 1-4, Figure 2.6 immediately shows
the over estimation of WSS in the smaller diameter aortic arch branches (locations 2-4,

6, 8-11) when using the traction free BC (Test 3) compared to the other tests.

2.3.2 Time-Averaged Wall Shear Stress

The effects of pulsatility applied at the inlet can be examined by comparing the TAWSS
distributions of Tests 5-7 to Test 1-3 in Figure 2.4 and Figure 2.5. The effects of changing
the outlet BC on TAWSS maps (Tests 5-7) in Figure 2.4 and Figure 2.5 are somewhat

similar to what was observed in WSS distributions in Tests 1-3 (see Section 3.1).

However, incorporating pulsatility into the simulation led to the TAWSS magnitudes
generally being higher (+70%) than their WSS counterpart. Moreover, when changing
from steady state to pulsatile dynamics, the traction free boundary condition experiences

a further increase in TAWSS within the smaller diameter vessels (locations 5-11 and 14).

The axial TAWSS streaks within the areas shown in are again similar to those found in
WSS distributions, with no extra important features becoming present by incorporating
pulsatility into the simulations. The magnitudes of TAWSS were however greater than

their WSS counterpart as previously discussed.
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2.3.3 Validation

Figure 2.7 shows the comparison between the WSS and TAWSS distributions around the
intercostal branches within the thoracic aorta of the rabbit studied during this work and
the red oil dye distribution within the thoracic aorta of a mature cholesterol-fed rabbit
[114]. Similar to the configuration used in the present numerical simulations, the in vivo
data corresponds to a New Zealand white rabbit and the red oil dye has been used to
identify early stage atherosclerotic lesions. Note that the in vivo data only contains four
out of five intercostal pairs as the third pair was excised from the dataset for a different
study. The in vivo data shows distinctive axial streaks of lipid/fatty deposition (i.e.,
representing the localisation of CVD); thus one may assume that the BCs that produces
the closest WSS distribution to these streaks may be considered to be more
physiologically accurate (assuming that atherosclerosis deposition is correlated to low
WSS [18]). Tests 1 & 5 (ML) produce the closest comparison to the in vivo data, with
three out of the six monitored regions showing strong correlations. Therefore, as far as
this specific study is concerned and given the relatively small in vivo data sample size,
the ML outlet BC appears to produce the closest relationship between WSS distribution
and lipid deposition. On the other hand, Tests 2 & 6 (in vivo+ML) fail to capture two
main zones of lipid deposition (i.e., Sections ‘b’ and ‘d’ in Figure 2.7), while the traction
free BC returns the least accurate predictions. This comparison against the in vivo data
appears to suggest that for this study, partially incorporating in vivo measured flow ratios

(Tests 2 & 6) does not necessarily return the best results.
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Figure 2.7 - (Left): WSS distribution around the intercostal branches within the thoracic

aorta of the rabbit studied during this study using three different outlet BCs. (Right): En
face sections from the thoracic aorta of two mature cholesterol-fed rabbits stained with
red oil dye to identify early stage atherosclerotic lesions. These images are taken from
Vincent et al. [53] who adapted the data from the original work of Cremers et al. [114].

These sections are shown with the endothelial surface facing upward.

2.3.4 Oscillatory Shear Index

The discrepancies in the OSI maps and area-weighted average values in Figure 2.4 -
Figure 2.6 between Test 5 and Test 6 are mostly negligible, with a minor decrease in OSI
within the right subclavian, right and left common carotid arteries for Test 6. However,
when the traction free BC is used (Test 7), the OSI increases significantly (=+160%) in
the aortic arch branches compared to Tests 5&6. On the other hand, as shown in Figure
2.6, the average OSI tends to be reduced by approximately 70% in the descending aorta
(locations 12 & 13), while there is almost no difference in OSI within the aortic root
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(location 1). This is because the changes in haemodynamics generally only occur close

or distal to the first peripheral branches.

2.3.5 Relative Residence Time

RRT distributions shown in Figure 2.4 for Tests 5&6 are similar, except for some of the
RRT magnitudes for Test 6 being generally 120 % greater than Test 5 within the right
subclavian, right and left common carotid arteries (locations 2-4 in Figure 2.6).
Furthermore, the RRT distribution discrepancies between Test 5&6 within the descending
aorta were negligible. The traction free BC has resulted in significant under estimation of
RRT within the aortic arch branches. This under estimation is directly linked to the over
estimation of TAWSS in the same branches (with RRT being inversely proportional to
TAWSS —see Eq. (1.8). The discrepancies between Tests 5-7 are also evident in the RRT
maps in , where changing the outlet BC results in marked differences in areas surrounding

the intercostal branches.

2.3.6 Effects of Uniform/Fully-Developed Inlet

The present results indicate that, unless the distribution of haemodynamic metrics within
the aortic root and ascending aorta regions are of significance (e.g. studying flow entering
coronary arteries), the effect of fully-developed flow can be ignored in order to save on
computational time. The inaccuracy of time-averaged haemodynamic metric distributions
due to constant mass flow inlet BC quickly depreciates, supporting the findings of Peiffer
et al. [56]. This knowledge is useful as an accurate representation of fully-developed flow

exiting the aortic valve would be complex and difficult to obtain.

2.3.7 Effects of Outlet Boundary Condition

The present results demonstrate that the traction free outlet BC results in significantly
different haemodynamic metric distributions when compared to the BCs based upon ML
and/or in vivo data. When observing WSS, TAWSS, and to some extent OSl, in general
it was the larger arteries that were the least affected by the outlet BC, whereas within the
smaller arteries the outlet BC had a significant effect. Suggesting that either the ML or in
vivo+ML BC can be used when the focus is on these haemodynamic metrics within larger
vessels, but care must be taken when the attention is on the smaller vessels. On the
contrary, the discrepancies in metric distributions shown around the intercostal branches
and through the descending aorta suggested that it is still important to consider how the

outlet BCs are applied.
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2.3.8 Effects of Pulsatility

Despite the advantages of steady-state calculations, blood flow is naturally pulsatile and
assuming a steady-state condition for the present configuration, one would not be able to
calculate important shear rate-related haemodynamic metrics (discussed in Section 3) and

truly unsteady flow phenomena cannot be captured.

The effect of different pulsatile velocity profiles at the inlet have previously been studied.
For instance Xiang et al. [115] found minimal effect on WSS and OSI distributions within
patient specific aneurysms, as long as mean flow rate is unchanged. However, to the
authors’ knowledge, the effects of pulsatile flow through a complex aorta geometry has
not yet been quantified in which the inlet profile remains a constant and the outlet BC is
the variable. Vincent et al. [53] chose to ignore the possible effects due to pulsatility after
calculating a Womersley number substantially over the threshold in which pulsatile
effects can be ignored, consequently, their conclusions were based on steady-state results.
The results in the present study demonstrate that both WSS and TAWSS share similar
patterns, while TAWSS generally has higher magnitudes. The similarity between WSS
and TAWSS distribution in this study is in agreement with the findings for aneurysm
models [116]. This suggests that it is not necessary to run transient simulations when only
considering WSS within the aorta or its neighbouring arteries. However, pulsatile flow is
still crucial for capturing other metrics such as TAWSS, OSI and RRT (which are widely
believed to be linked to the development of CVDs) as they are time-dependent metrics.
By observing the streaks in the in vivo images by Cremers et al. [114], it is likely that the
pulsatility of the flow has insignificant impact on predicting atherosclerotic lesion
deposition when only using WSS as an indicator.

2.4 Limitations & Future Work

Various outlet BC models which are accepted as more physiologically accurate have been
ignored during this study. Namely the Windkessel model [58], [104], structured tree
model [47], complex Windkessel model [117] and multiscale models [118]. Despite these
models being able to further reduce modelling error, they are often complex to incorporate
into simulations and have therefore been omitted from this study.

This work studies the effects of outlet BCs within a rabbit aorta configuration. Therefore,
the conclusions are only explicitly applicable to this specific configuration. However, this
work provides an initial and indirect understanding of the effects outlet BCs could have

on human aorta haemodynamics on which further studies can develop.
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The future direction of this work will involve comparing commonly used outlet BCs
against a larger number of more physiologically accurate outlet BC models. Extending
this work to incorporate a large and diverse cohort of human aorta configurations and

performing a statistical analysis would improve the relevance of this work.

2.5 Summary

In the present study, using advanced CFD codes and through comparison with in vivo
data, the impact of various inlet and outlet BCs on predicting the localisation of CVDs
were assessed for an accurately-represented rabbit aorta configuration. One of the main
findings to emerge from the present study was that prescribing a transient simulation and
a fully-developed flow at the inlet are not required when the focus is only on the flow
within the aorta and around the intercostal branches. Also, assuming the widely-accepted
low WSS theory of Caro et al. [18], it was found that the ML-based outlet BC returns the

most physiologically accurate results, when compared against in vivo data.
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CHAPTER 3

COMPARISON BETWEEN SIMPLE AND ADVANCED OUTLET

BOUNDARY CONDITIONS ON HAEMODYNAMIC METRICS

3.1 Introduction

The previous chapter focused on using common inlet and outlet BCs. However, the
previous chapter did not investigate a more advanced outlet BC known as the three-
element Windkessel, due to the lack of required Rp, Rq and C parameters for the

corresponding geometry.

Using i) traction free (zero pressure), ii) flow ratios based on ML and iii) back pressures
based on a three-element Windkessel model have all become common methods of
implementing outlet BCs. Despite advanced models such as the three-element
Windkessel being shown to produce more physiological haemodynamics, the previous
two methods are still being used to date. There appears to be a lack of clear quantification

of the difference in aortic haemodynamics between these three methods.

As an extension to the previous chapter, the common traction free and ML BC have been
applied to an aorta model which has the data required to also implement a three-element
Windkessel model to gain a further understanding of the effect of outlet BCs on aortic

haemodynamics.

Therefore, the objective of this chapter is to assess the impact of using some widely-used
outlet BCs on various haemodynamic metrics used for predicting the localisation of
CVDs on a complex aorta model. Specifically the traction free, ML and three-element

Windkessel based models.
3.2 Method

3.2.1 Geometrical Model

A patient-specific model of a 23-year old female with normal aortic function and an AR
diameter of 20 mm is used in this study (as shown in Figure 3.1). The patient specific
geometry was produced using SimVascular software package (https://simtk.org) to
process gadolimium-enhanced Magnetic Resonance Angiography (MRA) image data
[63]. The geometry starts from the AR, includes the RSA, RCCA, Left Common Carotid

53



Artery (LCCA), Left Subclavian Artery (LSA) and finishes at the TAo. Studying such a
geometry is beneficial for understanding the correct BCs to use in LVAD,

Cardiopulmonary Bypass (CPB), aortic dissection and aortic aneurysm studies.

TAO

(a) (b) (©)
Figure 3.1 - Schematic of the present configuration of a 23 year old female aorta with
normal aortic function. (a) Patient-specific volumetric image data obtained via
Gadolimium-enhanced MRA technique [63]. (b) Centrelines and cross-sections used to
reconstruct the geometry [63]. (c) Surface model reconstructed in preparation for CFD

simulations.

3.2.2 Computational Domain

The geometry was meshed using ANSYS-Meshing Version 17.1 (ANSYS Inc.,
Canonsburg, PA, USA). The mesh was based on a finite volume hybrid mesh consisting
of tetrahedral elements within the core region and prism layers (3 elements thick) near
the wall to allow for large spatial velocity gradients. In order to ensure the accuracy of
the simulations, a series of six steady-state computations with various mesh refinement
levels (ranging from 2.3 to 5 million elements) were conducted to ensure mesh
independency. A flow rate of 3.192 L-min* was applied to the AR and a traction free outlet
BC was applied to the outlets. The results were compared by measuring the spatial mean
WSS over regions of the RSA, LCCA and TAo0. Refinement from 2.3 million to =3.3

million elements resulted in a maximum change in spatial mean WSS of ~0.5 % over the
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monitored regions. A one-dimensional velocity profile was also monitored at a point
through the AAo, where the peak velocity changed by 1 % from 2.3 to 3.3 million
elements and was insignificantly affected with further mesh refinement. Therefore, the
mesh of =~3.3 million elements was considered adequate, and hence used for further

simulations in this study.

3.2.3 Boundary Conditions

Three tests are studied in this work. In all tests, a no-slip BC is applied to all walls and a
rigid wall model is assumed, which has been shown to be a valid assumption [61], [111].

Details of the inlet and outlet BCs will be described next.

Inlets. For all tests, a uniform velocity profile was imposed at the inlets. The patient-
specific Phase Contrast-Magnetic Resonance Imaging (PC-MRI) waveform by LaDisa et
al. [63] was applied to the AR, as shown in Figure 3.2.
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Figure 3.2 — Inlet flow rate profile adapted from the patient specific PC-MRI waveforms
obtained via La Disa [63].

Outlets. For Test 1, a ‘traction free’ or ‘zero pressure’ condition was applied to each
outlet individually and defined as an ‘opening’ to allow for flow reversal at the boundary
if it occurs. This BC is used in various models due to its simplicity and when patient-
specific in vivo measured flow rates are not readily available [43], [48], [49]. The traction
free BC is similar to assuming the vessel is cut and exposed to atmospheric conditions
and hence neglects the resistive effects of downstream vessels [50].

For Test 2, a percentage of the equivalent inlet mass flow rate value was assigned
individually to each vessel outlet, refer to Table 3.1. The mass flow rate percentages were

based on ML. The mass flow rate per outlet was converted to its velocity counterpart by
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accounting for the outlet cross-sectional area. This value was then assigned as a velocity

normal to the boundary and defined as an ‘outlet’.

Table 3.1 - Derivation of BCs for the ML case, the flow rate through each individual

outlet is proportional to its corresponding area.

Boundary Name Diameter (mm) Flow ratio (%)

AR 20.14 100.00
RSA 7.53 10.76
RCCA 5.54 4.29
LCCA 5.18 3.51

LSA 5.63 4.48

TAO 1451 76.96

For Test 3, the three-element Windkessel is implemented to account for the physiological
back pressures produced within the arterial system based on the resistance and
compliance of the proximal and distal vessels (refer to Section 1.4.4 for a more detailed

explanation).

3.2.4 Numerical Procedure

The CFD solver ANSYS-CFX (Version 17.1) was used for the simulations. Blood was
defined as a three-dimensional, incompressible and isothermal fluid. Dynamic viscosity
and density of the blood are set to 0.004 Pa-s and 1060 kg-m™, respectively [120]. Each
simulation is ran for 4 cardiac cycles (4 s) with a timestep size of 1.25 ms and 10
coefficient loops per timestep, this proved adequate in order to allow the boundary flow
rate and pressure waveforms to converge, see Figure 3.3. The results are recorded during
the final cardiac cycle. The commercial visualisation tool, Ensight 10.1.6 was used to

post-process the results.
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Figure 3.3 — The top and bottom rows represent the mass flow and pressure history
waveforms respectively for all tests, both are recorded during the final cardiac cycle. For
Test 3, the fourth period results correlate to producing a physiologically realistic blood
pressure of 15131/8781 Pa (113/66 mmHg).

3.3 Results & Discussion

The three-element Windkessel BC is currently believed to be the one of the most
physiologically accurate in terms of being able to capture downstream conditions [104].
Hence, the other two methods studied here will be compared against the Windkessel

method (Test 3) as a reference.

3.3.1 Time-Averaged Velocity

In this section, the effects of the outlet BC on the perfusion of the aorta and its branches
are examined. In order to measure the aortic perfusion, Time-Averaged Flow Rate
(TAFR) and Time-Averaged Velocity (TAV) are calculated over the final cardiac cycle
in order to examine the perfusion of vessels and general haemodynamics. Figure 3.3 and
Figure 3.4 provide a quantitative approach to assessing the TAFR, whilst Figure 3.5

shows a more qualitative illustration of TAV streamlines.
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Figure 3.5 — Time-averaged blood flow velocity streamlines coloured by TAV.

The results generally show that none of the outlet BCs studied produced the same results,
there is slight discrepancy between the traction free and ML BC, whilst the three-element
Windkessel produced significantly different results.
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Subclavian and Carotid Arteries. Outlets RSA, RCCA, LCCA and LSA all experienced
approximately 33 % of the flow experienced by these arteries in Test 3, therefore
suggesting that the flow to the subclavian and carotid arteries are significantly
underestimated when using the traction free and ML BCs. There was minimal
discrepancy between the TAFR between Test 1 and Test 2. However, Test 2 resulted in
the lowest perfusion of the subclavian and carotid arteries with the exception of the
RCCA, which experienced a slight 6 % increase from Test 1. The underestimation of
perfusion experienced by the subclavian and carotid arteries in Test 1 and Test 2 is most
likely because the ML BC creates too much of a restriction on flow rate, which does not
account for the geometrical effects on the flow. For example, the momentum of the flow
from the AR would ideally force a much larger percentage of flow through the subclavian
and carotid arteries. However, the boundary restriction on the predefined velocity due to
ML does not allow the perfusion of these arteries to increase based on the geometrical
effects. This effect is similar for the traction free BC. The three-element Windkessel
however, includes a pressure feedback which is able to account for the geometrical
effects. The three-element Windkessel BC is able to allow an equilibrium between the
geometrical, resistance and compliance effects of the system, hence preventing the flow

at each vessel escalating too high.

Aorta. Tests 1 and 2 both experienced approximately 256 % of flow rate within the TAo
when compared against that experienced by Test 3. This almost three-fold increase in
perfusion is most likely caused by the previous insufficient perfusion experienced in the
subclavian and carotid arteries for Test 1 and 2. Test 1 and 2 again have little discrepancy
between the perfusion of the TAo, with Test 1 perfusion being approximately 4 % greater
than Test 2.

Being able to accurately predict the perfusion of arterial branches in aortic simulations is
important as the risk of ischemic stroke differs substantially for patients with an implanted
‘HeartMate II’ LVAD [96]. Therefore, in order to be able to apply CFD effectively in the
pre-operative planning of LVADs and other devices, it is important to incorporate

physiologically accurate BCs.

3.3.2 Time-Averaged Wall Shear Stress

Figure 3.6 visually shows the distributions of the metrics. In order to quantify the changes
in these haemodynamic metrics, area-weighted average values in a number of locations

are selected, as shown in Figure 3.7. These locations were monitored to quantify how

59



haemodynamic metrics are affected by each BC, thus numerically highlighting the
regions most affected by the prescribed BCs.

Test 1 Test 2 Test 3
(Traction Free)  (Murray’s Law) (Three-Element
Windkessel)
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Figure 3.6 - Distributions of various haemodynamic parameters calculated for the aortic

arch and descending thoracic aorta, viewed from outside the vessel.
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Figure 3.7 - Charts of area-weighted averages of metrics evaluated over various locations

illustrated in the bottom right corner.

Each haemodynamic metric will be discussed below separately.

Aorta. As shown in both Figure 3.6 and Figure 3.7, the TAWSS within the AAo
(locations 1 and 2) was almost completely unaffected by the outlet BC applied. The
TAWSS within the DAo (location 8) was relatively unaffected by the outlet BC, with the
traction free and ML BCs producing 15 % lower and 11 % higher TAWSS respectively
than the Windkessel BC. In the TAo (location 9), the traction free BC resulted in a
decrease in TAWSS of approximately 34 % compared to the Windkessel BC, whilst the
ML BC resulted in distributions similar to that of the Windkessel BC.

Subclavian and Carotid Arteries. The TAWSS generally within the subclavian and
carotid arteries is similar for the traction free and Windkessel BC, with a maximum
discrepancy of -31 % within the LSA. The ML BC however differed significantly in
TAWSS from the Windkessel test, with a minimum and maximum discrepancy of -31 %

and -81 % within the RSA and LCCA respectively. Thus suggesting that when only
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investigating the TAWSS metric, the traction free BC is more reliable than the ML BC in
producing realistic TAWSS distributions, and produces slightly less pronounced
distributions than the Windkessel BC.

3.3.3 Oscillatory Shear Index

Aorta. Similarly to TAWSS, the OSI within the AAo (locations 1 and 2) was almost
completely unaffected by the outlet BC applied. The OSI distribution is significantly
altered within the DAo and TAo by the applied BC. The OSI distribution becomes more
pronounced progressing through Test 1 to Test 3, with Test 3 (three-element Windkessel)
experiencing significantly greater regions of OSI with a distinctive axial streak of high
OSI down the TAo. This is further supported by the mass flow rate waveforms illustrated
in . Notice how the TAo mass flow rate in Test 1 is negative throughout the cardiac cycle,
and the other two tests experiencing changes in TAo flow rate from negative to positive.
This will be because the Windkessel model allows for the flow to more freely experience

reverse flow at the outlet boundaries.

Subclavian and Carotid Arteries. The traction free BC produced significantly
overestimated distributions of OSI within the subclavian and carotid arteries. The ML BC
also produces over estimated distributions, to a much lesser extent however. These results
show that the Windkessel BC produces much lower distributions of OSI in the subclavian
and carotid arteries due to its ability to auto-regulate the flow. The Windkessel BC also
produces much higher OSI within the TAo than the other two commonly used BCs.

3.3.4 Relative Residence Time

Aorta. Again, the RRT distribution within the AAo was relatively unaffected by the
prescribed outlet BC. The DAo was also relatively unaffected. The TAo experienced
similar distributions between the traction free and ML BC, however, the Windkessel BC
experienced much more elevated RRT within this region (over 2 times greater than both
the previous two BCs). Therefore suggesting that the Windkessel BC is better able to
capture the stagnant and recirculating flow regions within the TAo than the other two
BCs.

Subclavian and Carotid Arteries. Significant discrepancies were again observed within
the subclavian and carotid arteries between the outlet BCs applied, with the Windkessel
BC producing significantly lower distributions than the previous two BCs. These results
suggest that the traction free (=+160 %) and ML (=+315 %) BC significantly overestimate
the RRT within the subclavian and carotid arteries.
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3.4 Limitations & Future Work

Various outlet BC models which are accepted as more physiologically accurate have been
ignored during this study. Namely the structured tree model [47], complex Windkessel
model [117] and multiscale models [118], which generally account for the behaviour of
more vessels within the cardiovascular system than the three-element Windkessel model.
Despite these models being able to further reduce modelling error, they are often complex
to incorporate into simulations due to the nature of their numerical models, and have

therefore been omitted from this study.

The future direction of this work involves comparing commonly used outlet BCs against
these more advanced outlet BC models. As well as extending the investigation to a diverse

range of human aorta configurations in order to improve the relevance of this work.

3.5 Summary

In the present study, the impact of various commonly used outlet BCs on predicting the
localisation of CVVDs were assessed for an accurately-represented human female aorta
configuration. Three outlet BCs are investigated, traction free, ML and the three-element
Windkessel model. The results were compared against the Windkessel model. The results
suggest that, i) only when investigating TAWSS, the traction free BC will produce similar
distributions to the more advanced three-element Windkessel BC, ii) with the exception
of TAWSS, the shear stress based haemodynamics metric distributions varied
significantly from test to test, suggesting that the traction free and ML BCs should be
avoided whenever possible, iii) OSI was the most affected by the prescribed outlet BC,
with the three-element Windkessel producing negligible OSI within the subclavian and
carotid arteries compared to the other BCs, and significantly more pronounced axial
streaks within the TAo, iv) the three-element Windkessel is better able to capture stagnant
and recirculating flow than the other two BCs due to the freedom it allows the flow at the

outlets.
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CHAPTER 4

IMPACT OF HEART FAILURE SEVERITY ON OPTIMAL

VENTRICULAR ASSIST DEVICE CONFIGURATIONS

4.1 Introduction

During the implantation of a LVAD, the inflow cannula connects the left ventricle to the
LVAD, while the outflow cannula is anastomosed to the right anterior of the AAo.
Although LVADs demonstrate significant survival improvements, they are also
associated with postoperative complications, such as thromboembolic events and
ischemic stroke due to abnormal haemodynamics [96], [121]. Design and placement of
cannulas during both LVAD and Cardio-Pulmonary Bypass (CPB) often varies from
surgeon to surgeon, despite both having significant effects on haemodynamics. A number
of parameters to consider during cannula placement have been well studied to date,
including cannula tip design [60], [93], [122]-[124], cannula insertion angle [93]-[95],
[122], [123], [125]-[131] and the effects between pulsatile or continuous flow from the
LVAD or CPB machines [132].

Despite there currently being a wide range of research surrounding the aforementioned
parameters, to the authors’ knowledge, there appears to be no emphasis on the
haemodynamic effect of the Flow Ratio (FR) between the LVAD cannula outlet and
Aortic Root (LVAD/AR-FR). This ratio varies from case to case depending on different
parameters such as the level of HF and the amount of physical activity of the patient. The
exact contribution of the remnant native cardiac output to the aortic flow is generally
unknown at any given time, however, it can vary from patient to patient anywhere
between approximately 5 — 30 % based on the average cardiac output of 5.08 L-min*
[107], [133]. For example, the ‘Heartmate II’ LVAD has a built-in feature that syncs the
rotor speed with the inlet-outlet pressure differential (due to beating of the heart), thus,
the quicker the heart beats, the quicker the LVAD pumps blood [97].

There is scope for work that defines whether or not it is necessary to incorporate the
LVAD/AR-FR into the preoperative planning of an LVAD configuration, in order to

accurately improve the effects on the cardiovascular system post implantation.

Therefore, the objective of this chapter is to quantify the cardiovascular effects associated

with the common range of LVAD/AR-FRs using CFD. In the current study, a parametric
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analysis of different LVAD/AR-FRs are examined and compared against a reference
solution. A three-element Windkessel model is used in order to accurately capture the
physiological back-pressure response of the outlets. Metrics of the perfusion, as well as
shear stress based parameters are assessed and discussed, showing the importance of
including LVAD/AR-FR in the LVAD performance studies as well as preoperative
LVAD planning.

4.2 Method

4.2.1 Geometrical Model

The most common and successful second generation pump worldwide as bridge to
transplant and destination therapy is the ‘HeartMate II’ (Thoratec Corp, Pleasanton, CA,
USA) [134]-[136]. The HeartMate Il is a continuous flow device connected in parallel to
the cardiovascular system by an inlet graft fixed to the apex of the left ventricle, and a
10mm outflow graft anastomosed to the AAo [134], [137]. However, there is a large
disparity of Heartmate Il patient-specific configurations in the literature in terms of
outflow cannula centre line path and anastomosis angle [107]. This has therefore lead to
researchers in the field using simplified geometries which tend to capture the common
configuration features, such as the anastomosis location, cannula diameter and a
simplified cannula centre line path restricted to one plane [120], [138]. The cannula to
AAo0 anastomosis inclination angle for patients with a Heartmate Il can also vary
significantly (between 29 and 78 degrees) [139]. However, studies have concluded that a
shallow anastomosis inclination angle (®) of 30 degrees results in the minimum number
of thrombi reaching the carotid and vertebral arteries, hence reducing risk of stroke, as
well as reducing recirculation zones and low Wall Shear Stresses (WSS) [120], [126],
[138]. The simplified cannula centreline path used by Osorio et al. [120] with an
inclination angle of =30 degrees (®) was reconstructed and implemented into this study
and is anastomosed to the AAo approximately 10 mm (8) from the innominate artery, see
Figure 4.1. An azimuthal angle of =17° (B) is implemented in order to minimise the jet
effect from the cannula blocking flow from entering the aortic arch branches, this angle
is similar to patient-specific azimuthal angles found in the literature [106], [107]. The
cannula geometry (10 mm diameter) is digitally anastomosed to a patient-specific model
of a 23-year old female with normal aortic function and an AR diameter of 20 mm. The
patient specific geometry was produced using SimVascular software package

(https://simtk.org) to process gadolimium-enhanced MRA image data [63].
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Figure 4.1 — A typical ‘HeartMate II” configuration is illustrated on the left hand side of
this figure and has been taken from Hobbs & Boyle [142]. The right hand side is a
schematic of the present configuration consisting of an aorta (that of a 23-year old female)
with normal aortic function with an LVAD outflow graft connected to the AAo. Inlets:
AR and LVAD outflow graft. Outlets: RSA, RCCA, LCCA, LSA and TAo. Inclination
angle, ®=~30°. Azimuthal angle angle, p~17°. Distance from innominate artery, =10 mm,

similar to that used by Osorio et al. [120].

4.2.2 Computational Domain

The geometry was meshed using ANSYS-Meshing (Version 17.1). The mesh was based
on a finite volume hybrid mesh consisting of tetrahedral elements within the core region
and prism layers (3 elements thick) near the wall to allow for large spatial velocity
gradients. In order to ensure the accuracy of the simulations, a series of six steady-state
computations with various mesh refinement levels (ranging from 2.3 to 5 million
elements) were conducted to ensure mesh independency. In these simulations, input flow
rates from the AR and cannula were 30 and 70 % of the total flow rate, respectively. The
results were compared by measuring the spatial mean WSS over regions of the
anastomosis and the RSA, LCCA and TAo. Refinement from ~2.3 million to =3.3 million
elements resulted in a maximum change in spatial WSS of 0.48 %. A one-dimensional
velocity profile was also monitored at a point, 20 mm distal of the anastomosis, where
the peak velocity changed by 1 % from 2.3 to 3.3 million elements and was insignificantly
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affected with further mesh refinement. Therefore, the mesh of 3.3 million elements was
considered adequate and used for the cannula and aorta configurations. For a control
model, in which there is no cannula, no mesh independency test was conducted. However,
a finer mesh with almost equal element count of ~3.3 million elements (due to the less

complex domain shape) was deemed adequate, and hence chosen.

4.2.3 Boundary Conditions

As shown in Table 4.1, seven tests are studied in this work. ‘Test 0’ is used as a
representative of normal aortic haemodynamics for comparison purposes, which does not
include a cannula. ‘Tests 1-6’ represent a patient with an implanted LVAD suffering from
various extents of HF. In all tests, a no-slip BC is applied to all walls and a rigid wall
model is assumed, which has been shown to be a valid assumption [61], [111]. Details of
the inlet and outlet BCs are shown in Table 4.1 and Figure 4.2 and will be described next.

Table 4.1 — Summary of cases studied in the present work. Constant LVAD cannula flow
rates were obtained by time-averaging the healthy pulsatile flow rate and scaling
accordingly. Percentage values represent the boundary’s contribution to the total aortic

flow rate. ‘Test 0’ is a control model, in which heart function is normal and there is no

LVAD outflow graft.

Time-averaged native heart ~ Constant magnitude LVAD

flow rate (L-min™) cannula flow rate (L-min™)

Test 0 3.192 (100 %) -

Test 1 0.958 (30 %) 2.234 (70 %)
Test 2 0.798 (25 %) 2.394 (75 %)
Test 3 0.638 (20 %) 2.553 (80 %)
Test 4 0.479 (15 %) 2.713 (85 %)
Test5 0.319 (10 %) 2.873 (90 %)
Test 6 0.160 (5 %) 3.032 (95 %)
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Figure 4.2 — Inlet flow rates profiles adapted from the patient-specific PC-MRI
waveforms obtained via LaDisa et al. [63]. Waveforms have been scaled (based on the
patient’s healthy flow rate) to account for the cardiac output of the patient per test, refer

to Table 4.1.

Inlets. For all tests, a uniform velocity profile was imposed at the inlets, refer to Figure
4.2. The assumption of a flat velocity profile at the aortic inlet has been verified by various
in vivo measurements using different animal models, which have demonstrated that the
velocity profile distal to the aortic valve is essentially flat in the AAo and only consists
of a weak helical component [49]. For ‘Test 0°, the patient-specific PC-MRI waveform
by LaDisa et al. [63] was applied to the AR. ‘Tests 1-6’ scaled this AR waveform by 5 to
30 % in increments of 5 % (corresponding to LVAD/AR-FRs between 70 to 95 %). A
constant flow rate from the cannula compensated for the unfulfilled total aortic flow to
bring total the flow rate for all tests to 3.2 L-min! (in accordance with the in vivo flow

rate by LaDisa et al. [63].

Outlets. In order to ensure physiological haemodynamics, the 3D domain is coupled to a
three-element Windkessel model in this study using a Fortran subroutine. Refer to Section
1.4.4 for a detailed explanation of the implementation. The Windkessel parameters are

given in Table 1.1.
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4.2.4 Numerical Procedure

The CFD solver ANSYS-CFX (Version 17.1) was used for the simulations. Blood was
defined as a three-dimensional, incompressible and isothermal fluid. Dynamic viscosity
and density of the blood are set to 0.004 Pa-s and 1060 kg-m™, respectively [120]. The
maximum Reynolds number, based on the cannula diameter (10 mm) and maximum
cannula velocity (zero native heart cardiac output), was calculated to be ~1750, therefore,
a laminar model was used for all simulations. In accordance with similar works, non-
Newtonian fluid properties are neglected [53], [54], [86], [140].

A fully implicit second-order backward Euler differencing scheme is used. Each
simulation is ran for 4 cardiac cycles (4 s) with a timestep size of 1.25 ms and 10
coefficient loops per timestep, this proved adequate in order to allow the boundary flow
rate and pressure waveforms to converge, see Figure 4.3. The results are recorded during
the final cardiac cycle. The commercial visualisation tool, Ensight 10.1.6 was used to

post-process the results.
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Figure 4.3 — Total mass flow (AR+LVAD) and volume average pressure waveform
history of Tests 0-6. The pressure waveforms are sufficiently converged on the fourth
period. The volume average pressure waveforms are similar to that produced by the
boundary specific waveforms. Therefore, results are recorded during the fourth period.
For Test 0, the fourth period results correlate to producing a physiologically realistic
blood pressure of 15131/8781 Pa (113/66 mmHg). Initial flow rate is set to zero for all
tests. Pn and Pn.1 are initialised with values of 9240 Pa for Test 0, and 15240 Pa for Tests
1-6.

4.3 Results & Discussion

4.3.1 Introduction

The haemodynamics in ‘Test 0’ are assumed to be ideal as it is representative of the
haemodynamics in a healthy patient without any invasive devices or cardiovascular
dysfunction. Therefore, any comparisons will use ‘Test 0’ as a benchmark. The TAV

(including arterial perfusion) and shear stress-based haemodynamic parameters are
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discussed separately, followed by a brief comparison of what the conclusions would be if
a conventional and still common zero-pressure outlet BC were used in this study. Finally,

the limitations and future direction of this work will be outlined.

4.3.2 Time-Averaged Velocity

In this section, through a range of LVAD/AR-FRs, the effects of the LVAD
implementation on the perfusion of the aortic branches for different levels of HF is
examined against Test 0. In order to measure the aortic perfusion, TAFR and TAV are
calculated over one cardiac cycle in order to examine the perfusion of vessels and general
haemodynamics. Figure 4.4 provides a quantitative approach to assess the TAFR, whilst
Figure 4.5 and Figure 4.6 show a more qualitative illustration of TAV using isosurfaces

and streamlines, respectively.
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Figure 4.4 — Ratio (%) between the TAFR through the corresponding artery and the total
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respectively. (a) Simulations that incorporated a three-element Windkessel model at the

outlet boundaries. (b) Simulations that implemented a zero-pressure at the outlet

boundaries.
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corresponding inlet over one cardiac cycle.
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Figure 4.6 — Time-averaged blood flow velocity streamlines coloured by TAV.

The results show that none of the geometries including an LVAD outflow cannula (i.e.
‘Tests 1-6") experience normal perfusion; this also supports common findings in the

literature [93]-[95].

Subclavian and Carotid Arteries. Outlets RSA, RCCA, LCCA and LSA for ‘Tests 1-
6’ (shown more clearly in an inset in Figure 4.4) all experience an insufficient amount of
flow compared to ‘Test 0°, with the exception of the RSA in Tests 1 and 2. The average
perfusion of the subclavian and carotid arteries in most of the tests is approximately 69
% of what is deemed to be healthy. The general drop in flow rate to the subclavian and
carotid arteries is mainly due to the jet from the cannula adding a blocking effect to flow
from the AR entering the subclavian and carotid arteries. A clear distinction is observed
in Figure 4.4 between the left and right carotid and subclavian arteries in relation to their
sensitivity to different LVAD/AR-FRs. Specifically, both the LCCA and LSA maintain
an almost constant outflow rate, showing minor changes in TAFR percentages for
different LVAD/AR-FRs. On the contrary, the RCCA and RSA flow rates produce an
irregular pattern as LVAD/AR-FR increases. The fluctuation of the RSA and RCCA flow
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rate is mainly due to their close proximity to the anastomosis, hence experiencing more
disturbed flow. Whilst the insensitivity of the LCCA and LSA to LVAD/AR-FR is mostly
likely due to the three-element Windkessel model creating a stronger auto-regulatory

effect on flow due to their smaller diameter (greater proximal and distal resistances).

Aorta. The TAo generally experiences around 176 % of normal TAo perfusion for Tests
1-6. This is due to the underperfusion observed earlier to the subclavian and common
carotid arteries, as well as the high velocity cannula jet mainly being directed to the DAo.
The level of perfusion to the TAo is closely related to LVAD/AR-FR, increasing from
Test 1 to 4, peaking at Test 4, and then beginning to decrease.

It is worth noting that the perfusion experienced in this study should not be assumed to
be experienced by all patients. Over a study of 956 patients with the ‘HeartMate II’
LVAD, the risk of ischemic stroke differed substantially [96]. The abnormal perfusion
experienced in this study combined with the unclear pattern of ischemic events leads to
the need of more thorough ways to predict the risk of such events on a patient-by-patient
basis.

4.3.3 Shear Stress-Based Haemodynamic Parameters

The localisation of various lesions including atherosclerosis and thrombosis have been
extensively studied and are shown to be related to different local haemodynamic metrics
[72], [73], [75], [108]. These haemodynamic parameters can be directly derived from the
flow velocity fields obtained by CFD-based simulation tools. In the present study, these
parameters are used as a tool to study whether the haemodynamics are favourable or
detrimental to the health of the patients with an LVAD and to help identify some
characteristics of disturbed flow that are of pathobiological importance. The wall-based
parameters chosen for the present analyses include WSS, Time-Averaged WSS (TAWSS)
[78], Oscillatory Shear Index (OSI) [78] and Relative Residence Time (RRT) [77]. These
parameters have been chosen because (i) localised distribution of low-WSS and high-OSlI
strongly correlate with the locations of atheroma [78], (ii) platelet activation may be
induced by the combination of large exposure time and high shear stress [80]-[83], and
(iii) stagnant and recirculating flow regions can cause platelet aggregation and thrombosis
[84]. Figure 4.7 shows the distributions of the above metrics. For a more quantitative
comparison, Figure 4.8 shows area-weighted average values of the metrics evaluated over
various locations within the aorta model. In what follows, each wall-based

haemodynamic metric will be discussed separately.
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Figure 4.7 - Distributions of different haemodynamic parameters calculated for the aortic arch and descending TAo, viewed from outside the vessel.
LVAD/AR-FR increases from left to right (as shown by the percentages).
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Figure 4.8 — Area-weighted average values of TAWSS, OSI and RRT at ten monitored locations within the geometry. LVAD/AR-FR increases from
Test 0 through to Test 6.
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Time-Averaged Wall Shear Stress. When comparing ‘Test 0’ with ‘Tests 1-6’ in Figure
4.7, the latter all experience much less evenly distributed WSS, with generally higher
WSS in aortic arch and DAo, whilst the WSS is lowered in all other locations. This is due
to the cannula flow inducing non-physiological haemodynamics and disturbing the WSS
distribution [125]. The flow in ‘Test 0’ may be a typical example of ‘form follows
function’, as the human AAo is said to be insusceptible to atherosclerotic plaque
formation [141]. ‘Test 0’ does not produce these extreme distributions of WSS as the
form has likely developed in such a way to maintain a relatively smooth distribution of
WSS. Similar to the TAV and TAFR results presented in the previous section, Figure 4.8
shows that different branches exhibit different degrees of sensitivity to increasing the flow
from the LVAD.

TAWSS within the subclavian and carotid arteries changed in an irregular manner as
LVAD/AR-FR increased (locations 4-8 in Figure 4.8). The TAWSS generally reduced by
22 % within the innominate artery and stayed relatively constant through Test 2 to 6, with
the exception of Test 1, which increased slightly (+2 %). Despite the TAWSS within the
subclavian and carotid arteries fluctuating as LVAD/AR-FR increases, an overall

decrease in TAWSS of 40 % was generally experienced.

The DAOo initially experienced a drop in TAWSS of 28 %, but then began experiencing a
steady increase in TAWSS of approximately 13 % per test, until equalling the healthy
TAWSS at Test 3, and continuing to Test 6 with a relatively constant gradient. Figure 4.5
suggests that the more severe the HF, the larger and more intense the shear stress streak
on the DAo becomes due to the higher cannula jet velocity, which is required to maintain
adequate overall flow rate. This phenomina is also illustrated by the TAV and streamlines

shown in Figure 4.5 and Figure 4.6.

The AAo0 experienced a relatively linear negative relationship between TAWSS and
LVAD-AR-FR. Test 1 experienced a sudden decrease in TAWSS by 62 %, then steadily
decreased by =3 %. This shows that the AAo is less sensitive to changes in TAWSS by
altering the LVAD/AR-FR, but experiences a much lower TAWSS by simply introducing
an LVAD into the model.

TAWSS within the TAo in Test 1 initially reduces by 60 %, then remains relatively
constant regardless of LVAD/AR-FR.

Oscillatory Shear Index. The subclavian and carotid arteries (as shown in Figure 4.7 and

Figure 4.8) all experience much lower OSI compared to Test 0. The innominate artery
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experiences a clear negative relationship between OSI and LVAD/AR-FR, this is due to
its close proximity to the anastomosis, hence, it experiences a direct effect of the cannula
flow rate. The other peripheral arteries however experience an almost zero value of OSI,
most likely because, i) continuous flow from the LVAD dominates the pulsatile flow from
the AR, and ii) the three-element Windkessel model has a high auto-regulatory effect on

the flow within the smaller vessels as previously discussed.

The AAo (location 3) experiences a significant increase in OSI from Test 1-3, peaking at
Test 3 (+116 %), and then significantly decreasing again until reaching almost healthy
values of OSI at Test 6. Elevated-OSI magnitudes in location 3 indicate a disturbed flow
occurring in the aortic arch distal to the cannula attachment point, where the LVAD and
AR flows are mixing.

The AR (location 1) experiences the greatest increase of OSI when compared against the
reference case, with a strong positive correlation to LVAD/AR-FR. The main reason for
such haemodynamic modification is the high velocity flow stream from the cannula tends
to block and divert the pulsatile flow from the AR. The above results along with the
findings of He & Ku [78] suggest that the AAo may suffer from an increased probability
of atheroma development. It is also noted that the extent of this phenomenon is unlikely
to be improved by the cannula tip positioning and configuration, based on positioning

restrictions.

The DAo and TAo both experienced a negative relationship between LVAD/AR-FR, with
the TAo being the most sensitive, the OSI value within the TAo approximately halved
each time the LVAD/AR-FR increased.

Relative Residence Time. RRT in the subclavian and carotid arteries slightly increases
when compared to Test 0 with no clear correlation to LVAD/AR-FR, this is most likely

insignificant however as the values of RRT are minimal.

The AR and AAo (locations 1 and 3) experience significantly elevated RRT with strong
correlations to LVAD/AR-FR. The elevated RRT within the AR and AAo is again due to

the cannula flow blocking and diverting the pulsatile flow from the AR.

The DAo and TAo experience regions of high RRT streaks which increase in size as

LVAD/AR-FR increases (this is shown most evidently in Figure 4.7).
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The AR, AAo, DAo0 and TAo are at serious risk for Tests 5 and 6 as these regions are
experiencing significant stagnant and recirculating flow, which can cause platelet

aggregation and thrombosis [84].

4.3.4 Effects of Using Conventional Zero Pressure Boundary Condition

Despite more reliable methods existing, it is still common amongst the cardiovascular
research community to use simpler outlet BCs such as zero pressure [38], [50], [86],
[105]-[109]. Running Tests 0-6 using a conventional zero-pressure BC for all outlets
produces significantly different results and misleading conclusions when compared
against using a three-element Windkessel model, this is observed by comparing the
TAFRs in Figure 4.4a and Figure 4.4b. Using a three-element Windkessel model
concludes that the TAFR to the subclavian and carotid arteries is highly irregular and is
overall reduced when compared against a healthy patient without an LVAD.
Contradictory, when using the zero-pressure BC, the subclavian and carotid arteries were
less sensitive to the LVAD/AR-FR and behaved in a much more regular manner. Using
the zero-pressure BC also suggests that the LCCA and LSA are over perfused regardless
of LVAD/AR-FR, the opposite is however true for the simulations that included a
Windkessel model. Perfusion to the TAo using the zero-pressure BC was relatively
unaffected by LVAD/AR-FR. This again shows the importance of using a physiologically
accurate BC when investigating haemodynamics within the aorta [43], [49], [50], [99],
[100], [102].

4.4 Limitations & Future Work

Due to the LVAD and aorta configuration in reality changing vastly from patient to
patient, the results of this work only act as an indicator of the importance of incorporating
the patient specific LVAD/AR-FR into the patient specific preoperative planning of the
optimum cannula angle, design and location. Doing so will improve the effects on the
circulatory system post LVAD implantation.

Further studies are required in order to test the value of the LVAD/AR-FR on a wider
range of LVAD configurations. Due to the sparsity of relevant data required to conduct a
rigorous quantitative study of multiple patient-specific configurations, a more qualitative

approach has been taken to assess the significance of the LVAD/AR-FR [45].

Fluid-structure interaction was omitted in this study as it has been shown to have an

insignificant effect on the results for similar studies [61], [111]. However, furthering this
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work by incorporating fluid-structure interaction may provide some additional insight that

was not able to be captured in the present work.

Finally, the outcome of the present study concerning the implantation of LVAD outflow
cannula is also applicable to CPB to some degree. However, it is worth noting that the
velocity from the cannula returning blood during CPB is often significantly higher than
LVADs, thus increasing the risk of dislodging parts of atherosclerotic lesions, creating an
emboli, which can ultimately result in stroke [93].

45 Summary

A patient-specific aorta model with normal aortic function was used to study the
importance of incorporating the severity of HF in the computational preoperative
planning of an LVAD configuration. The results were compared against a control model
which did not include an LVAD graft and used patient-specific BCs, this model
represented healthy aortic haemodynamics. The general irregular behaviour of the
subclavian and carotid arteries to LVAD/AR-FR indicates that the perfusion and WSS-
based haemodynamic metrics within these arteries cannot be accurately predicted unless
the LVAD/AR-FR is incorporated into the computational preoperative planning of the
optimal LVAD configuration. The consistently excessive perfusion to the TAo suggests
that regardless of LVAD/AR-FR, the TAo will most likely experience adequate

perfusion.
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CHAPTER 5

GEOMETRICAL ACCURACY ENHANCEMENT OF CORONARY

ARTERIES FOR HAEMODYNAMIC SIMULATIONS

5.1 Introduction

Atherothrombosis is the major cause of cardiovascular death and is the leading cause of
mortality in the developed world, with most atherosclerotic lesions occurring within the
Left Anterior Descending (LAD) coronary artery [12], [14], [143], [144]. Although
antithrombotic therapy is considered safe and effective, the morbidity and mortality rate
due to atherothrombosis remains too high [143]. Acute myocardial infarction is caused
by the sudden rupture or ulcer formation of vulnerable plaque, followed by subsequent
thrombosis and significantly restricted blood flow [145]-[147]. Endothelial erosion and
rupture are known to be associated with local flow conditions as well as biological factors,
with plaques most frequently developing in close proximity to bifurcation sites [13], [14].

CFD is able to offer valuable insight into the local flow conditions within a coronary
artery. Using imaging data from patients that have coronary artery pathology, with the
use of CFD it is possible to simulate patient-specific haemodynamics within the artery.
Comparisons can be made of haemodynamics both with and without pathology included
in the geometrical reconstruction. This allows for a before and after pathology
comparison, which enables correlations of haemodynamic metrics and risk of coronary
pathology to be developed. Developing correlations between haemodynamic metrics and
risk of erosion/rupture sites will enable better-tailored treatment for patients diagnosed

with coronary artery pathology [14], [45].

Non-invasive visualisation of coronary arteries has significantly improved over the past
20 years [148]. Current non-invasive cardiac imaging techniques include MRA and
Computed Tomographic Angiography (CTA). These techniques however are limited in
their ability to capture a high-resolution image. This has led to intravascular imaging
techniques being developed [147]. Intravascular imaging techniques generally use a
catheter with an attached imaging device to capture images of the arterial lumen more
accurately. Currently available intravascular imaging techniques include fractional flow

reserve; grayscale Intravascular Ultrasound (IVUS); IVUS radiofrequency tissue
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characterisation; Optical Coherence Tomography (OCT), the light analogue of IVUS; and
near-infrared spectroscopy [149]. In daily clinical practice, these imaging techniques are
used to investigate the causes of lesion deposition around a stent, or to decide which
plaque is most vulnerable, amongst others [149]. However, researchers have begun using

these imaging techniques to further the understanding of CVD pathology.

Researchers have previously attempted to image and reconstruct coronary arteries in
preparation for CFD investigation using both non-invasive and intravascular imaging
techniques. Slager et al. [150] managed to fuse together IVUS and angiographic
information to account for the curved path of the artery. Recent work by Timmins et al.
[79] reconstructed a relatively accurate coronary artery model by fusing together MRA
views with IVUS image segments using what is known as the ANGUS technique, similar
to other work in the literature [76], [151]-[153]. The ANGUS technique involves the
stacking of IVUS segments perpendicular to the catheter centreline at specific locations
determined by the catheter pullback speed [153]. Timmins et al. [79] observed patients
(n=20) with coronary plaque progression over a period of six months. They were able to
demonstrate that, in patients with non-obstructive coronary artery disease, regions
subjected to low and oscillatory WSS demonstrated progression of atherosclerotic
lesions. This study coincides well with the current accepted theory that low and
oscillatory shear stress increases risk of atherosclerosis progression [15]-[19]. Despite
the valuable work by Timmins et al. [79], the limitation of using IVUS with a relatively
low resolution (100 to 200 um) is apparent as it is not able to accurately capture the details

of the vascular wall and modifications [14], [154].

Furthermore, intravascular OCT has emerged as an attractive new imaging technique,
which offers superior resolution (10 to 15 um) that can image both plaques and thrombi
with considerably more accuracy than IVUS and angioscopy [14], [147], [154]. Despite
IVUS and CTA being able to accurately calculate the haemodynamics within the artery,
these techniques are unable to accurately capture the structure of the plaque [155].
Incorporating OCT image segmentations for reconstructing geometry and observing
coronary plaque morphology could significantly improve the impact of such studies
[156]. Ha et al. [156] has attempted stacking together OCT segments with the major
limitation of not accounting for the curvature of the artery within the geometric model.
Geometries have also been reconstructed by stacking OCT segments along a centreline

(similar to the ANGUS technique), which were used for calculating WSS using CFD
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methods [155]. However, work by Toutouzas et al. [155] is limited, as the cross-sections
appeared to be simplified as a circle based on the average diameter at each segment,

similar to how geometry is reconstructed from MRA images.

(a) (b)
Figure 5.1 — Hllustration of the latest in fusing together OCT and MRA images to create a

coronary geometry model. (a) OCT stacked along a straight line and lofted together to
create a surface [156]. (b) seemingly simplified OCT segments stacked along an

angiographic image derived centreline [155].

In light of the above and after reviewing the literature, there appears to be a need to more
accurately model the geometry of the coronary artery system in order to perform CFD
simulations to correlate haemodynamic metrics with acute disruption/thrombus
formation. There is potential for hybrid methods of non-invasive and intravascular
imaging techniques to be developed that are able to combine the curvature of the vessel
with the accuracy of intravascular imaging in order to accurately represent the vessel

lumen, specifically capturing small details and accurate luminal cross sectional curves.

Therefore, the objective of this chapter is to develop a novel non-invasive/intravascular
hybrid approach in accurately reconstructing a coronary artery luminal surface, which can

be used for CFD studies to predict acute disruption/thrombus formation.
5.2 Method

5.2.1 Geometrical Reconstruction

A single OCT/MRA hybrid geometrical model is reconstructed in this study. Merging
OCT segments with MRA data to accurately capture the surface contour as well as the
curvature of the model has not been achieved until now. Previous studies have attempted
to achieve this but have either not captured the curvature of the artery centreline, or not

represented the arterial wall in enough detail [155], [156].
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A semi-automated procedure was developed in this work using five software packages.
An estimated manual reconstruction time is approximately four days, estimated by
extrapolating from the time required to perform repetitive tasks. The automated process
developed in this work reduces the reconstruction time per patient to approximately 4
hours. The most significant time reduction is found within Step 5, by automating the
stacking of the OCT segments to the centreline of the artery. The details of each step will
now be explained separately, and are illustrated in Figure 5.2.
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Figure 5.2 — MRAJ/OCT hybrid coronary artery reconstruction process. (a) 3D
reconstruction from MRA data using QAngio XA 3D by Medis (Leiden, Netherlands) (b)
OCT segments extracted from QCU-CMS by Medis (Leiden, Netherlands) are stacked
along the artery centreline that is extracted from the MRA reconstruction. (c) The OCT
segments are lofted together along with the MRA geometry. (d) An MRA/OCT hybrid
coronary artery reconstruction, a smooth portion is observed in the distal portion of the

artery as a result of the OCT procedure not covering this region.

Step 1. Prior to medical intervention, an MRA scan of the LAD artery was conducted of
a 51 year old male diagnosed with a high burden of plaque with tight stenosis and a
thrombus. The MRA scan was obtained at University Hospitals Bristol, UK. The medical
imaging software QAngio XA 3D by Medis (Leiden, Netherlands) then exported a solid

surface geometry into a VTP format.
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Approximate completion time = Not applicable, data is already available.

Step 2. A catheter was inserted into the LAD and OCT segmentations of a portion of the
LAD were obtained. The Cartesian co-ordinates of the OCT segments were then exported
from QCU-CMS by Medis (Leiden, Netherlands) into a large array of data. It is worth
noting at this point, that during the OCT imaging process, the imaging device does not
record its reference in space whilst it is in movement, and the distance between each OCT
segment is dependent on the automated motorised pullback speed of the imaging device.
The OCT imaging process not recording its reference in space is one of the main
challenges in reconstructing the OCT segments to follow the curvature of the vessel. As
alluded to earlier, this has been attempted by Toutouzas et al. [155], however, the
accuracy of the arterial surface seems to have been lost in the reconstruction process.

Approximate completion time = Not applicable, data already available.

Step 3. Microsoft Excel is then combined with a Visual Basic Applications (VBA) script

to separate the Cartesian co-ordinates of each OCT segment into separate TXT files.
Approximate completion time = 15 minutes.

Step 4. Vascular Modelling Toolkit (VMTK) is then used to extract the centreline
Cartesian co-ordinates of the surface geometry created from MRA imaging. VMTK is
also used to convert the solid surface model into a more effective file format (VTP to
STL) in preparation for assembling the parts in the CAD package, SOLIDWORKS 2016.

Approximate completion time = 15 minutes.

Step 5. SOLIDWORKS 2016 is then used to assemble the OCT segments to the centreline
of the MRA-created geometry. Each OCT segment is first converted into a planar surface
with a centre point (used as a reference point in assembly mates to follow) using a VBA
script and are individually saved as ‘part’ files. The Cartesian co-ordinates of the
centreline are then imported into an assembly to create a centreline curve. A number of
points (equal to the number of obtained OCT segments) are then assigned locations along
the centreline. The distance (0.2 mm in this case) between the points is defined by the
pullback speed of the OCT imaging process. Various reference planes and constructions
points are used during this process which are currently the most time consuming of the
whole reconstruction process. Each OCT segment part file is then imported into the
assembly one-by-one and mated to its corresponding point on the centreline, a VBA script

Is again used to automate this otherwise highly time consuming process. The surface of

87



each segment is constrained to be perpendicular to the centreline at this point. Each
segment is then rotated and orientated properly until it accurately represents the true
coronary lumen. Neighbouring peripheral arteries observable in the original OCT
segmentations are used as reference points for obtaining the correct angle of orientation.
Once all segments are mated to the centreline, each OCT segment is then lofted together
along with the residual MRA surface which was not covered during the OCT process, this
creates a single solid surface which accurately represents the arterial wall. The final
geometry is illustrated in Figure 5.3, the smooth and rough surfaces represent the MRA
and OCT derived sections, respectively. As can be seen from Figure 5.2 and Figure 5.3,
significant discrepancy is found between the smooth MRA portion of the model and the
OCT/MRA hybrid portion in their ability to accurately represent the arterial lumen.
Following the merging of the MRA and OCT data, flow extensions are affixed to the inlet
(one diameter in length) and outlet (seven diameters in length) to allow for flow to fully
develop [76], [78], [79], as shown in Figure 5.4. This is to ensure that shear stresses close
to the inlet and outlet boundaries are not unusually high. A solid geometry file is then

exported in an IGES format, which is now ready for the meshing process.

Approximate completion time = 3 hours 15 minutes.
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Figure 5.3 — Merged OCT segments with the MRA 3D model to create a realistic curved
representation of the luminal surface. The smooth (a) and rough (b) surfaces represent the
MRA and OCT derived sections respectively.
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Cross-section near
thrombus

Figure 5.4 — The mesh was based on a finite volume hybrid mesh (=1 million elements)
consisting of tetrahedral elements within the core region and prism layers (3 elements
thick) near the wall to allow for large spatial velocity gradients. Extension regions are
added to the inlet (one diameter in length) and outlet (seven diameters in length) to allow
for flow to properly develop [76], [78], [79].

Unlike methods by Timmins et al. [151] for IVUS image reconstruction, coronary
branches were excluded in this study, similar to the work of Ha et al. [156]. Novel
methods are still required to include them in the reconstruction of OCT images and are

currently a work in progress by the author.

5.2.2 Computational Domain

The geometry was meshed using ANSY S-Meshing (Version 17.1). The mesh was based
on a finite volume hybrid mesh consisting of tetrahedral elements within the core region
and prism layers (3 elements thick) near the wall to allow for large spatial velocity
gradients. In order to ensure the accuracy of the simulations, a series of seven steady-state
computations with various mesh refinement levels (ranging from 4.5-10° to 1.4-10°

elements) were conducted to ensure mesh convergence. A velocity of 0.1184 m-s* was
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applied to the inlet (inlet area is 1.13-10° m?) based on the average velocity from the
pulsatile waveform of the LAD artery of a patient at rest [157]. A traction free outlet BC
was applied to the outlet. Velocity isosurfaces and WSS contours were analysed to
investigate mesh convergence. Velocity isosurfaces and WSS contours reduced in
discrepancy up until a mesh of =1 million elements. Further refinement resulted in
insignificant changes to velocity and WSS. Therefore, the mesh of ~1 million elements
was considered adequate and used for the further simulations in this study, similar to the

mesh density used by Timmins et al. for a similar study [79].

5.2.3 Numerical Procedure

The CFD solver ANSYS-CFX (Version 17.1) was used for the simulations. Blood was
defined as a three-dimensional, incompressible and isothermal fluid. Dynamic viscosity
and density of the blood are set to 0.004 Pa-s and 1060 kg-m, respectively [120]. The
simulation was run for 4 cardiac cycles (4 s) with a timestep size of 1.25 m-s and 10
coefficient loops per timestep, this proved adequate in order to allow the boundary flow
rate and pressure waveforms to converge (=8 hours solution time utilising 16 CPUs). The
results are recorded during the final cardiac cycle. The commercial visualisation tool,

Ensight 10.1.6 was used to post-process the results.

5.2.4 Boundary Conditions

Inlet. The transient inlet profile for the LAD artery was taken from Kim et al. [157] and
applied at the inlet in this study, as shown in Figure 5.5. The profile by Kim et al. was
obtained as a result of running a complex coronary artery system simulation with
advanced boundary conditions. The simulation incorporated a lumped parameter model
(for all coronary artery outlets), three-element Windkessel model (for all aortic peripheral
arteries) and an inlet coupled to a lumped parameter heart model. The BCs used by Kim
et al. [157] were adjusted to match both the flow distribution and measured brachial

artery pulse pressure observed in vivo by Stergiopulos et al. [158].
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Figure 5.5 — The LAD inlet flow rate profile was taken from Kim et al. [157] and used

for the transient simulation. The average velocity of this profile is 0.1184 m-s™* which was

used for the steady-state mesh independency tests. The inlet area of the geometry is

1.13-10° m?,

Outlet. A zero pressure (traction free) condition is applied at the outlet, similar to recent
work in the literature [79]. For a similar study, but with six outlets instead of one, a
validation study against invasive intracoronary measurements was performed to check
that the zero pressure condition reproduced similar flow to in vivo haemodynamics [79].
A zero pressure condition was also used for this study due to the simplicity of the
geometry (only one outlet). Including complex outlet BCs would also be unnecessary in
this study as this is a preliminary test and there are likely to be other sources of inaccuracy
in the model (e.g. removal of the side branches). It is worth reiterating at this point that
the focus of this part of the thesis is on the novelty of the geometrical reconstruction
method and not on the complexity and physiological accuracy of the haemodynamics.

The latter have been discussed in the previous chapters in length.

5.3 Results & Discussion

The TAV and shear stress-based haemodynamic parameters are discussed together in this
section. As previously mentioned, the haemodynamics in this study are unlikely to be
physiologically accurate due to the number of essential simplifications. However, this
study provides an insight into a new advancement in reconstructing coronary arteries for
simulation purposes. Finally, the limitations and future direction of this work will be

outlined in this section.

It is first important to understand the location of the thrombus within the coronary artery.

The thrombus was omitted from the geometrical reconstruction process in order to begin
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developing correlations between haemodynamic metrics and likelihood of acute
endothelial rupture and thrombus development. The thrombus location was situated in
close proximity to the tight stenosis, as shown in Figure 5.6. The thrombus here would
also be close to one of the bifurcations if it were included in the model. The right hand
side of Figure 5.6 shows the OCT segmentations captured within the thrombus region.
The white dashed curved line in these images represent the original vessel wall, which
was modelled in this study. The yellow regions inside of the white dashed line represent
a developed thrombus. Being able to view the exact shape and location of the thrombus
like this is important for developing correlations between local haemodynamics and

endothelial rupture and thrombus development.
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Figure 5.6 — Illustration of the location of the thrombus in this patient (highlighted in
green). The accurate profile of the thrombus is observable in the OCT segmentations. The
thrombus is situated inside the dashed white curve. Note that the thrombus is not modelled
in the simulation. The red line and dots are used as a reference for the orientation of the

OCT segments, the red dots are aligned with the red line.

Shear stress-based haemodynamic metrics evaluated over the geometry wall are
illustrated in Figure 5.7, the geometry is shown from the front and back views. The
location of the thrombus is highlighted by a grey rectangle. It can be seen that the region
where the thrombus develops has a much higher WSS distribution compared to the rest
of the wall. In Figure 5.6, a spatial mean average WSS evaluated over the region
highlighted in green was 18 Pa, which is +150 % the average WSS evaluated over the
whole geometry. The average OSI in the thrombus location was also approximately 30 %
lower than the rest of the wall, which, in this specific case does not correlate well with

the current theory that plaque progression relates to regions of low and oscillatory shear
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stress [78], [79]. However, the high WSS is most likely responsible for the presentation
of athrombus. RRT was also recorded to be approximately 66 % less around the thrombus

location than the rest of the vessel wall.

RRT (1/Pa) 0.0l_Mo g

|| Highlighted thrombus location

Figure 5.7 — Illustration of the haemodynamic metrics and streamlines recorded from the
simulation. The highlighted region (grey box) represents the general location of the

thrombus.

By comparing OSI and WSS distributions around the thrombus location in Figure 5.7
with the specific location of the thrombus being known, more specific correlations
between these two metrics and the development of a thrombus can be created. The
thrombus appears to have developed amongst regions of high WSS, whilst also in a region

of significantly low OSI. The location of the thrombus is not unusual as it is located at
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the start of the tight stenosis, thus experiencing high flow velocity (refer to Figure 5.7 and
Figure 5.8) with resulting high WSS, hence, altering the endothelial wall [159]-[161].

S N et
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Figure 5.8 — Cross-sectional planes coloured by TAV.

There are a number of important limitations in this current work, which will later be
described. Yet, it is a step forward in developing an average trend between local
haemodynamics and coronary artery disease risk. The accuracy of the geometrical model
created in this work is a significant improvement on previous work [76], [79], [150]-
[153], [162]. This new method is able to capture small details in the model as well as
accounting for the curvature of the vessel. It also represents significant progress in making
the reconstruction process more autonomous, which up until now, has mostly been a
manual and time-consuming process [162]. Further developing this methodology will
ultimately enable clinicians to be able to identify, at an early stage, regions most at risk
of vessel wall modification. This is considered as a step forward towards personalised
and patient-specific medical treatment, which currently represents a topic of great interest
in this research community [79], [163]-[165]. Therefore, this work serves as the

foundation on which a more automated and rigorous study can be developed.
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5.4 Limitations & Future Work

Some of the OCT segments were omitted from the reconstruction process so that
unphysiological lumps would not be present in the final geometry, and hence
unphysiological representations of WSS-based haemodynamic metrics. This was because
some OCT segments were partially capturing the peripheral branches and were creating
sudden protrusions in the geometry. Smoothing of the OCT segments by fitting a spline
between the Cartesian coordinates with a defined tolerance was able to reduce the unusual
lumps that were running longitudinally along the geometry. The unusual wave pattern in
some locations of the geometry however were more difficult to smoothen out. An
automatic smoothing feature to clear up these imperfections in the geometry would be

valuable for representing the arterial lumen more accurately.

The reconstruction process presented in this chapter was semi-automated, requiring user
input at various stages of the process. In order to make the reconstruction technique useful
for processing a large cohort of data, the process should be designed such that it requires
as little user input as possible.

Further reconstruction time reductions can be obtained by optimising the efficiency of
performing Step 5 described in Section 5.2.1. This can be done conducting this step on a
machine optimised for such a process in terms of hardware, as well as improving the

efficiency of the code which automates the process.

Unlike methods by Timmins et al. [151] for IVUS image reconstruction, coronary
branches were excluded in this study. Hence, a zero pressure outlet BC was used for this
study due to the simplicity of the geometry. Further development of an automated process
that is able to account for the peripheral branches and incorporate more physiologically
accurate BCs is crucial for studying the local haemodynamics effectively. Future studies
may also benefit from incorporating the whole coronary artery tree in order to impose

more advanced and well accepted lumped parameter outlet BC models [52], [157], [166].

A patient-specific velocity inlet profile was unavailable for this study, hence a more
generic profile was incorporated into the simulations. Future studies should incorporate

patient-specific flow profiles in order to produce more realistic flow conditions.

A timestep independency study was not carried out for this specific study, however, the
timestep size was deemed adequate as it is smaller than those used by similar work found
in the literature [79], [151].
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It is currently challenging to incorporate biochemical models into CFD simulations [167],
therefore, the biochemical factors that are involved with CVVDs have been ignored in this

work.

Now that it is proven possible to represent the coronary artery with such accuracy, work
is in progress to address the limitations described above and to apply the process to a

larger cohort of data.

5.5 Summary

Correlating local haemodynamics with risk of coronary artery diseases has been a
challenge to date. In the present study, a novel reconstruction method was developed
which combines OCT segmentations of the coronary artery lumen with the centreline
obtained from MRA imaging. The main contribution of this method was its ability to
eliminate the manual and time consuming process of stacking the OCT segments on the
MRA derived centreline. The method developed in this work is able to reduce the
reconstruction time from approximately 4 days to approximately 4 hours. Despite the
number of limitations to the work, the developed methodology is already a significant
step from what is currently available. Future work will account for the multiple outlets a
coronary vessel may have, be more automated, and incorporate more physiologically

accurate BCs.
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CHAPTER 6

CONCLUSIONS, LIMITATIONS & FUTURE WORK

Each chapter will now be concluded separately. Each aim of the thesis will then be

addressed in terms of limitations and potential for future work.
6.1 Conclusions

6.1.1 Chapter2

It is widely recognised that in CFD simulations, prescribing different BCs at boundaries
can significantly affect the solutions of the equations governing blood flow, and hence
the metrics related to CVDs [43], [49], [100]. In this chapter, using advanced CFD codes
and through comparison with in vivo data, the impact of various inlet and outlet BCs on
predicting the localisation of CVDs were assessed for an accurately-represented rabbit
aorta configuration. This work enables both specialist and non-specialist CFD
practitioners to gain a better understanding of the commonly-used BCs and their effects
and limitations on a subject-specific complex cardiovascular model. The results and
discussions also provided an insight into how significant the effects of these outlet BCs
are on typical WSS-based hemodynamic metrics.

One of the main findings to emerge from the present study was that prescribing a transient
simulation and a fully-developed flow at the inlet are not required when the focus is only
on the flow within the aorta and around the intercostal branches. Therefore, simulations
can be simplified significantly in studies concerning the lesions within the aorta including
abdominal aortic aneurysm, aortic atherosclerosis and type B aortic dissection. Another
important finding from this research was that assuming the widely-accepted low WSS
theory of Caro et al. [18], it was found that the ML-based outlet BC returns the most
physiologically accurate results, when compared against in vivo data.

6.1.2 Chapter 3

The impact of various commonly used outlet BCs on predicting the localisation of CVDs
were assessed for an accurately-represented human female aorta configuration. As a
continuation from Chapter 2, this work further enables CFD practitioners to gain a better

understanding of the commonly-used outlet BCs and their effects and limitations on a
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subject-specific cardiovascular model. Three outlet BCs were investigated, traction free,
ML and the three-element Windkessel model. The results were compared against the
Windkessel model as it is now widely accepted as being accurate in capturing the
downstream conditions of the cardiovascular system [104]. The results suggest that, i)
only when investigating TAWSS, the traction free BC will produce similar distributions
to the more advanced three-element Windkessel BC, ii) with the exception of TAWSS,
the shear stress based haemodynamics metric distributions varied significantly from test
to test, suggesting that the traction free and ML BCs should be avoided whenever
possible, iii) OSI was the most affected by the prescribed outlet BC, with the three-
element Windkessel producing negligible OSI within the subclavian and carotid arteries
compared to the other BCs, and significantly more pronounced axial streaks within the
TAO, iv) the three-element Windkessel is better able to capture stagnant and recirculating

flow than the other two BCs due to the freedom it allows the flow at the outlets.

6.1.3 Chapter 4

A patient-specific aorta model with normal aortic function was used to study the
importance of incorporating the severity of HF in the computational preoperative
planning of an LVAD configuration. The results were compared against a control model
which did not include an LVAD graft and used patient-specific BCs, this model
represented healthy aortic haemodynamics.

The results show that in terms of overall perfusion, the smaller vessels (RSA, RCCA,
LCCA, LSA) responded in an irregular manner as LVAD/AR-FR increased, with a
general deficiency of perfusion by approximately 31 %. Whilst the larger vessel’s (aortic
arch and TAo0) perfusion response was generally more linear and predictable, with a
general increase of 76 %. Moreover, similar patterns are experienced when comparing
OSI, RRT and TAWSS. The fundamental reasons for these discrepancies in behaviour is
mainly due to, i) the jet from the cannula blocking flow to the aortic arch branches (RSA,
RCCA, LCCA and LSA), ii) the aortic arch branches better auto-regulating flow rate due
to their smaller diameter, iii) the entrances of the aortic branches experiencing highly
disturbed flow due to their close proximity to the anastomosis.

The general irregular behaviour of the subclavian and carotid arteries to LVAD/AR-FR
indicates that the perfusion and WSS-based haemodynamic metrics within these arteries
cannot be accurately predicted unless the LVAD/AR-FR is incorporated into the

computational preoperative planning of the optimal LVAD configuration. The
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consistently excessive perfusion to the TAo suggests that regardless of LVAD/AR-FR,
the TAo will most likely experience adequate perfusion. Incorporating LVAD/AR-FR
whenever possible into the preoperative planning process, will aid in more accurately

improving the effects on the circulatory system post LVAD implantation.

6.1.4 Chapter5

Correlating local haemodynamics with risk of coronary artery diseases has been a
challenge to date. This is due to the difficulties associated with accurately reconstructing
3D geometries which are to be used in CFD investigations. In the present study, a novel
reconstruction method was developed which combines OCT segmentations of the
coronary artery lumen with the centreline obtained from MRA imaging. Accounting for
the curvature of the vessel as well as incorporating the high resolution of OCT imaging
to reconstruct a 3D geometry has not been achieved until now, and holds significant value
to understanding coronary pathology. Despite the number of limitations to the work
presented, the developed methodology is regardless a significant improvement from what
is currently available. Future work will account for the multiple outlets a coronary vessel
may have, be more automated, and incorporate more physiologically accurate BCs. This
will allow for the automatic processing of a large cohort of data in order to begin
developing a strong correlation between local coronary haemodynamics and the risk of

endothelial rupture and thrombus development

The reconstruction methods developed in this project can also be advanced to other
applications where more accurate representations of the cardiovascular system is needed.
The use of OCT imaging in cardiovascular applications is still relatively new and has had
limited applicability until now. This work shows potential in advancing the accuracy of

reconstructing a wider spread of cardiovascular geometries in future research.

6.2 Limitations & Future Work
General limitations of the thesis:

e The biological factors that are associated with coronary artery diseases were
omitted from this thesis as they are not within the scope of this work. Simulating
the interaction between biochemical reactions and haemodynamics is currently
too complex to incorporate into simulations, and is most often ignored in

cardiovascular CFD simulations. Also, in accordance with similar work, non-
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Newtonian blood properties have been neglected throughout the thesis [53], [54],
[86], [140].

e Fluid-structure interaction in this area of research is concerned with the added
pumping effect created by blood vessels in the cardiac cycle. Fluid-structure
interaction requires significant amounts of computational power and solution

time, and as a result has been ignored throughout the thesis.

Specific limitations and future work related to the objectives of the thesis will now be

given.

Obijectives 1 to 3 were generally to analyse the impact various types of computational
BCs can have on computational haemodynamic investigations of CVDs. The limitations

and future work associated with the work conducted to complete these objectives include:

e Various outlet BC models which are accepted as more physiologically accurate
have been ignored during this study. Namely the structured tree model [47],
complex Windkessel model [117] and multiscale models [118]. Despite these
models being able to further reduce modelling error, they are often complex to
incorporate into simulations and have therefore been omitted from this study.

e The future direction of this work involves comparing commonly used outlet BCs
against these more advanced outlet BC models. As well as extending the
investigation to a diverse range of human aorta configurations in order to improve
the relevance of this work.

e Due to LVAD and aorta configurations in reality changing vastly from patient to
patient, the results of this work only act as an indicator of the importance of
incorporating the patient-specific LVAD/AR-FR into the patient-specific
preoperative planning of the optimum cannula angle, design and location. Doing
so will improve the effects on the circulatory system post LVAD implantation.

e Further studies are required in order to test the value of the LVAD/AR-FR on a
wider range of LVAD configurations. Due to the sparsity of relevant data required
to conduct a rigorous quantitative study of multiple patient-specific configurations
[45], a more qualitative approach has been taken to assess the significance of the
LVAD/AR-FR.

Obijective 4 was to develop a novel geometrical reconstruction method for the accurate
3D representation of coronary arteries, which are to be used for associating
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haemodynamic metrics with coronary artery diseases. The limitations and future work

associated with the work conducted to complete this objectives include:

During the reconstruction process of the coronary artery, a number of non-optimal
methods were incorporated. A number of OCT slices were omitted in order to
avoid unwanted protrusions from the geometry. Unphysiological lumps were also
created that ran longitudinally along the geometry which were not fixed.

The reconstruction process was semi-automated, requiring user input at various
stages of the process. In order to make the reconstruction technique useful for
processing a large cohort of data, the process should be designed such that it
requires as little user input as possible.

Contrary to methods by Timmins et al. [151] for IVUS image reconstruction,
coronary branches were excluded in this study. Hence, a zero pressure outlet BC
was used for this study due to the simplicity of the geometry. Further development
of an automated process that is able to account for the peripheral branches and
incorporate more physiologically accurate BCs is crucial for effectively studying
the local haemodynamics. Future studies may also benefit from incorporating the
whole coronary artery tree in order to impose more advanced and well accepted
lumped parameter outlet BC models [52], [157], [166].

A patient-specific velocity inlet profile was unavailable for this study, hence a
replacement, more generic profile was incorporated into the simulations. Future
studies should incorporate patient-specific flow profiles in order to produce more
realistic flow conditions.

A timestep independency study was not undergone for this specific study,
however, the timestep size was deemed adequate as it is smaller than those used

by similar work found in the literature [79], [151].
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