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Abstract
Diagnosis, management and treatment remain a challenge for Aortic Dissection (AD) because it is a highly patient specific pathology. Clinical practice
still relies primarily on crude markers that cannot fully capture the complex
haemodynamic features of AD and reliably predict dissection propagation or
rupture.
Whereas in vitro models would allow for the accurate study of AD flow
fields in physical phantoms, they are currently scarce and almost exclusively
rely on over simplifying assumptions. The aim of this thesis was to develop an
experimental framework for patient-specific in vitro models of AD, in order to
help clinical decision making, support the development of numerical methods
and test medical devices.
A novel mock circulatory loop was designed and developed. It comprises
a computer controlled pulsatile pump system, tunable afterload models to
reproduce the downstream vasculature and a patient-specific AD phantom.
The platform was coupled with mathematical models informed by non-invasive
clinical data and was tuned to reproduce a patient-specific case study. The
complex haemodynamics reproduced by the platform was characterised by flow
rate and pressure acquisitions as well as Particle Image Velocimetry (PIV)
derived velocity fields.
The pressure and flow rate data measured at the outlets of the AD phantom showed good agreement with both the available clinical data and in silico
simulations. Aortic haemodynamics analysis revealed complex flow patterns,

Abstract
including flow reversal, recirculation regions and stagnant flow in the false lumen. Applying Proper Orthogonal Decomposition to PIV data demonstrated
that reduced order modelling could be used for the development of computationally efficient in silico AD models.
The contributions made in this thesis represent a significant advancement
to the state of the art of AD in vitro modelling. There is currently no in vitro
platform capable of reproducing patient-specific flows tuned by non-invasive
clinical data. The framework that uses in vitro, in silico and in vivo data
opens up new possibilities for the development of novel surgical procedures
and devices to tackle AD. Ultimately, applying the methods developed in this
thesis has the potential to improve the outcome of patients affected by AD.
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The research carried out in this thesis led to the development of state of the
art patient-specific tools that can enable vascular precision medicine, defined
as the tailoring of treatment to the individual characteristics of a specific subgroup of patients. The global personalised medicine market is expected to
witness a compound annual growth rate of over 11% during the 2017-2024
analysis period and projected to touch 194.4 billion USD by 2024 [Research
and Markets, 2018].
The opportunities arising from the research presented in this thesis are
vast. The developed experimental tools and methodologies have the potential
to be applied to several vascular diseases and academic investigations and,
hence, significantly advance state of the art. Being the first of their kind,
the tools and methodologies developed throughout this thesis can support
the development of vascular in vitro patient-specific research and enable the
extensive validation of numerical tools for haemodynamic research.
The latter can have an impact on the R&D and regulatory approval processes for medical devices. The importance of using experimental methods
to assess the credibility of computational modelling through verification and
validation has been recently highlighted by the publication of the V&V 40
standard from the FDA.
The ability of the developed experimental platform to reproduce physiological flows and pressures in conjunction with accurate representation of
vessels under investigation can be of great interest for medical device manu-
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factures who are currently moving from the use of idealised geometries to test
and demonstrate new devices, towards the use of patient-specific ones. Realistic conditions are more and more required to demonstrate the capabilities of
new devices to the end users and testing, for instance, stent deployment in a
rigid straight tube is no longer accepted.
Similarly, medical training platforms are evolving to include inter-subject
variability and account for complex vascular scenarios. Using the platform
developed in this work, adapted for that purpose, has the potential to positively impact the clinical outcome of individuals with patient-specific pathologies. Moreover, accurately simulating complex or rare vascular diseases in vitro
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allow in the future to predict disease progression and simulate the results of
several medical procedures to identify the best available one for the patient.
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Abbreviations∗
0D

Zero-Dimensional

1D

One-Dimensional

2D

Two-Dimensional

2D cine-MRI Two-dimensional cine-Magnetic Resonance Imaging
2WK

Two-element Windkessel model

3D

Three-Dimensional

3WK

Three-element Windkessel model

4D

Four-Dimensional

4D-flow MRI Four-dimensional Flow Magnetic Resonance Imaging
AbAo

Abdominal Aorta

AD

Aortic Dissection

ATBAD

Acute Type B Aortic Dissection

BC

Boundary Condition

BT

Brachiocephalic Trunk

CAD

Computer Aided Design

CFD

Computational Fluid Dynamics

CO

Cardiac Output [l min−1 ]

CT

Computed Tomography or Celiac Trunk, according to the context

CVD

Cardiovascular Disease

CY

Carreau-Yasuda

∗ The

list provides the most commonly used abbreviations in the thesis.

Nomenclature

FL

False Lumen

FSI

Fluid-Structure Interaction

HR

Heart Rate [bpm]

IBPM

Invasive Blood Pressure Measurements

IF

Intimal Flap

LA

Left Atrium

LCC

Left Common Carotid artery

LEI

Left External Iliac artery

LII

Left Internal Iliac artery

LRA

Left Renal Artery

LSA

Left Subclavian artery

LV

Left Ventricle

LVAD

Left ventricle assist devices

MBM

Moving Boundary Method

MRI

Magnetic Resonance Imaging

NS

Navier-Stokes

NSp

Parametrised Navier-Stokes

OSI

Oscillatory Shear Stress

PC-MRI

Phase-Contrast Magnetic Resonance Imaging

PIV

Particle Image Velocimetry

POD

Proper Orthogonal Decomposition

PP

Pulse pressure

RA

Right Atrium

RCC

Right Common Carotid artery

REI

Right External Iliac artery

RII

Right Internal Iliac artery

ROI

Region of Interest

ROM

Reduced Order Model

RRA

Right Renal Artery

RRT

Relative Residence Time [P a−1 ]
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Nomenclature
RSA

Right Subclavian Artery

RV

Right Ventricle

SMA

Superior Mesenteric Artery

SV

Stroke Volume [ml]

TAAD

Type A Aortic Dissection

TAWSS

Time-Averaged Wall Shear Stress [P a]

TBAD

Type B Aortic Dissection

TEVAR

Thoracic Endovascular Aortic Repair

TL

True Lumen

TMP

Transmural Pressure [mmHg]

US

Ultrasound

WSS

Wall Shear Stress

Additional Notations†
q̄

Mean value of variable q

q̇

Temporal derivative of variable q

hqi

Phase-averaged value of variable q

Q

The variable is a matrix

q

Variable q is a vector

q̃

Unsteady component of variable q

q0

Fluctuating component of variable q

Symbols‡
α

Womersley number

δ

Displacement [m]

γ̇

Shear rate [s−1 ]

`

Tube length [m]



Error

η

Efficiency

P̂dia

Target diastolic pressure [mmHg]

‡ The

list provides the most commonly used symbols in the thesis.
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Nomenclature

P̂sys

Target systolic pressure [mmHg]

λ

POD eigenvalues

D

Distensibility [P a−1 ]

µ

Dynamic viscosity [P a s]

µb

Blood dynamic viscosity µ = 3.4 · 10−3 P a s

µw

Water dynamic viscosity µ = 8.9 · 10−4 P a s

ω

Rotational speed [rpm]

Φ

POD space mode

ρb

Blood density ρ = 1060 kg m−3

ρw

Water density ρ = 1000 kg m−3

τ

Torque [N m] or Shear stress [P a], depending on the context

A

Area [m2 ]

a

Linear acceleration [mm s−2 ]

ai

POD time coefficient of mode i

C

Compliance [ml mmHg −1 ]

Caorta

Aortic compliance [ml mmHg −1 ]

Ctot

Total arterial compliance [ml mmHg −1 ]

D

Diameter [m]

E

Young’s modulus [P a] or Energy, depending on the context

g

Gravity [mm s−2 ]

h

Vessel wall thickness [m]

L

Inertance [mmHg s2 ml−1 ]

l

Length of a vessel segment [m]

P

Pressure [mmHg]

Pdia

Diastolic pressure [mmHg]

Ppulse

Pulse pressure [mmHg]

pscrew

Screw pitch [mm]

Psys

Systolic pressure [mmHg]

Q

Flow rate [ml s−1 ]

Qin

Inlet flow rate [ml s−1 ]
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Nomenclature

R

Resistance [mmHg s ml−1 ]

r

Radius [m]

R1

Proximal resistance [mmHg s ml−1 ]

R2

Distal resistance [mmHg s ml−1 ]

Rtot

Total resistance [mmHg s ml−1 ]

Re

Reynolds number

Recr

Critical Reynolds number

Rem

Mean Reynolds number

Rep

Peak Reynolds number

T

Duration of cardiac cycle [s]

t

Time [s]

Tdia

Duration of diastolic phase [s]

Tsys

Duration of systolic phase [s]

v

Linear velocity [mm s−1 ]

xi

Fraction of the cardiac output leaving outlet i
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Chapter 1
Introduction
This chapter provides an overview of the motivation and
background of the work, followed by a brief introduction
about the aortic anatomy and physiology, and the description of the pathology of interest, aortic dissection. The
state of the art of in vitro and in silico studies that aim to
characterise the haemodynamics of this pathology are then
reviewed. The chapter concludes with the identification of
current challenges in clinical translation of modelling techniques, and the objectives of the study and the structure of
the thesis are presented.

1.1. Motivation and Background

1.1

Motivation and Background

Aortic dissection (AD) is a serious vascular condition that occurs when a tear
in the aortic wall allows blood to flow within the layers of the vessel, leading to
the formation of two separate flow-channels, the true (TL) and the false (FL)
lumen. With an incidence of 3-5 cases out of 100,000 every year in the United
Kingdom and United States, AD is the most common catastrophic event to
affect the aorta, more frequent than ruptured aneurysms [Nienaber et al., 2016].
The mortality rates are still high, with 40% of patients dying on presentation
and a further 1% increase in death rate per hour if the lesion is left untreated
[Strayer et al., 2012]. It is estimated that in the UK fatalities due to AD are
higher than those reported in road accidents [Robineau, 2019, Czerny et al.,
2019, Tsai et al., 2006]. Furthermore, because of lack of specific symptoms,
between 15 and 43% of the cases are not diagnosed on initial presentation
[Sullivan et al., 2000].
The fact that diagnosis is often delayed in such a lethal condition reflects
the great challenge that aortic dissection poses to clinicians. Indeed, despite
the improvements in diagnostic and therapeutic techniques, the management
and follow-up of AD are still difficult in clinical practice. Classification and
clinical management of AD are based on the dissection’s anatomical characteristics. ADs involving the ascending aorta - Stanford Type-A - usually
require immediate surgical intervention. When the dissection involves only
the descending aorta - Stanford Type-B - the treatment is variable and depends on the specific cases. In case of complications, surgical treatment is the
preferred choice. However, the optimal treatment of ‘uncomplicated’ Type-B
aortic dissections continues to be debated. They are commonly managed with
drug therapies, controlling blood pressure and heart rate, but up to 50% of
the cases will eventually develop complications requiring invasive intervention
[Akin et al., 2010].
Prediction of adverse outcomes in uncomplicated cases of AD could there-
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fore significantly improve clinical management of this pathology. Currently,
outcome prediction relies mainly on anatomical features (e.g. total aortic diameter) to predict dissection development in order to decide the best therapeutic approach. However, it has been shown that this parameter is not a reliable
determinant of dissection progression or rupture. Furthermore, haemodynamic
information, such as flow patterns, pressures, velocity and shear rates, as well
as morphological features are important characteristics for this pathology and
have the potential to provide a more comprehensive understanding of the disease [Rudenick et al., 2013, Chung et al., 2000b]. All these parameters exhibit
high variability amongst patients, and is therefore expected that personalised
haemodynamic modelling could provide predictive information regarding the
clinical outcome and could improve both treatment and management [Bonfanti
et al., 2019].
Personalised computational fluid dynamics models (CFD) have been already extensively investigated as a tool to improve the outcome and aid the
clinical decision making process of different cardiovascular conditions, including AD [Bonfanti et al., 2019, Pirola et al., 2019]. The recent clinical adoption
of patient-specific computational tools in coronary disease is a testament of
the potential of such approaches; the CFD-based software HeartFlow® [HeartFlow, 2019] represents a milestone in the translation of vascular engineering to
clinical applications receiving approval from the Food and Drug Administration (FDA) in the United States and by the National Institute of Health and
Clinical Excellence (NICE) in the United Kingdom.
In order to be translated to clinical applications, computational tools need
to be rigorously validated. Experimental tools can provide a valuable benchmark for CFD model validation through controlled conditions and high definition fluid dynamic visualisation and measurements. Moreover, experimental
tools can allow the development of novel surgical methods and the physical
testing of novel devices for AD. Experimental investigations of AD flow have
increased the general understanding of the pathology and have highlighted the
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important influence of morphological features on the haemodynamic variables
[Rudenick et al., 2013, Chung et al., 2000b], but so far have included significant
simplifications (e.g. idealised geometries, rigid walls and simplified boundary
conditions). Currently, there are no published and established experimental
tools to simulate patient-specific AD and support the development of new
approaches for this pathology.
Furthermore, a limitation in the state of the art of AD is the almost total
absence of combined clinical, experimental and computational approaches to
investigate the complex haemodynamics of this pathology. Notwithstanding
this, it has been shown that an interdisciplinary approach can be highly beneficial to tackle complex vascular conditions, and AD in particular [Chen et al.,
2016]. This approach has been also acknowledged by the International Organisation for Standardisation (ISO) working group, which endorses the combination of numerical and experimental studies to obtain reliable results from
complex simulations of heart valve prostheses [Nicolas W. Cortes-Penfield,
Barbara W. Trautner, 2018].
The aim of this research is to develop experimental tools and methodologies for personalised haemodynamic modelling of AD. This will facilitate
the development of new clinical approaches and numerical tools for the clinical
management of the disease. Accurately reproducing patient-specific conditions
in a controlled environment would not only enable validation of computational
tools and their translation into clinical settings, but also provide a physical
platform in which different surgical procedures or medical devices could be
tested in order to eventually be able to identify the best possible option for the
patient.

1.2

Introduction to the cardiovascular system

The cardiovascular system is a closed hydraulic circuit which carries blood to
tissues in order to satisfy the metabolic needs of the body. It includes blood
vessels of the systemic and pulmonary circulation and the heart, which is the
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driver of the blood circulation. The fundamental functions of the circulatory
system are (i) to provide adequate blood flow without interruption and (ii)
to regulate blood flow according to the different needs of the body [Chandran
and Yoganathan, 2012].
The heart is a specialised muscular organ that rhythmically contracts and
pumps oxygenated blood from the low-pressure venous side to the high pressure
arterial side of the circulation. This pressure drop is the driving force allowing
blood to flow through blood vessels. The heart consists of two pumps in series
and, anatomically, has four chambers: the right atrium (RA), right ventricle
(RV), left atrium (LA) and left ventricle (LV). The deoxygenated blood enters
the right atrium and flows into the right ventricle through the tricuspid valve.
It is then pumped into the pulmonary system, wherein is oxygenated. The
oxygenated blood from the lungs enters the left atrium and flows via the mitral
valve into the left ventricle. As the heart contracts, the pressure gradient
between the ventricle and the aorta increases, until the pressure of the aorta
is lower than the one in the LV, allowing the aortic valve to open and blood
to be ejected into the ascending aorta. When the ventricle relaxes, the aortic
valve closes preventing back flow of blood into the left ventricle [Grotenhuis,
2011].
The rhythmic contraction and relaxation of the heart forms a cardiac
cycle, or heartbeat, with systolic and diastolic phases respectively. The systolic
blood pressure is the first number in a blood pressure reading, providing a
measure of the strength of the contraction; the diastolic one is the second
number and reflects the strength of the relaxation. The difference between
the systolic and the diastolic pressures is referred to as pulse pressure. The
amount of blood pumped by the left ventricle in a cardiac cycle is known as
the Stroke Volume (SV) while the total volume of blood that is ejected by the
left ventricle per minute is defined as Cardiac Output (CO) and is the product
of SV and the heart rate. The amount of blood that flows back to the right
atrium from the peripheral circulation is called Venous Return (VR).
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1.2.1

The aorta

The aorta is the major blood vessel carrying oxygenated blood pumped by
the left ventricle of the heart to the whole systemic circulation. Anatomically,
it is divided into three sections: the ascending limb, the aortic arch and the
descending segment. It is a vessel with a complex geometry including curvature
in different planes, bifurcations, multiple branch vessels and tapering (Figure
1.1).
Right
subclavian
artery

Right common
carotid artery Left common
carotid artery

Left subclavian
artery

Brachiocephalic
trunk

Figure 1.1: Schematic of the aorta and its branches. Figure modified from Betts
et al. [2013] with permission.

The first segment, the ascending aorta, begins at the aortic valve. At the
root of the ascending aorta, three small pockets in the lumen of the artery
form the sinuses of Valsalva, which contain the origin of the left and right
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coronary arteries, responsible for the oxygen supply to the myocardium, the
heart muscle [Winter, 2014]. After the ascending aorta, the vessel loops over
the left pulmonary artery and the bifurcation of the pulmonary trunk forming
the so-called aortic arch. The aortic arch usually has three branches: the
brachiocephalic trunk (BT), the first and largest, the left common carotid
artery (LCC) and the left subclavian artery (LSA). The BT ascends only for
a short distance before it branches to form the right common carotid artery
(RCC) and the right subclavian artery (RSA). The descending aorta is divided
into two further sections by the diaphragm: the thoracic and the abdominal
aorta (AA). Intercostal, subcostal and left bronchial arteries arise from the
thoracic aorta. The abdominal aorta also gives rise to important branches
before splitting to the right and left common iliac arteries. The major branches
are the celiac trunk (CT), the superior mesenteric artery (SMA), the inferior
mesenteric artery (IMA) and the left (LRA) and right (RRA) renal arteries
[Winter, 2014, Levick, 2009, Grotenhuis, 2011].
The aortic wall consists of three layers: the inner layer is known as the
tunica intima and is made of endothelium, basement membrane and the elastic
lamina. The middle layer, the tunica media, consisting of smooth muscle and
elastic tissue, provides the aorta with its distensibility and elasticity. The outer
layer is the tunica adventitia, mainly made of collagen and connective tissue,
that provides additional support and structure to the aorta and includes small
blood vessels - vasa vasorum [Nienaber et al., 2016]. The normal diameter of
the ascending aorta is 22-36 mm depending on age, size and gender, whereas
the abdominal aorta is generally of the order of 20 mm in diameter.
The walls of blood vessels are not rigid, but rather stretch in response
to increased transmural pressure. As the transmural pressure increases, blood
vessels expand, store more volume, and hence behave as capacitive elements
in the circulation. In medicine, this behaviour is referred to as the Windkessel
effect, ‘air chamber’ when translated from German, and generally implies an
elastic reservoir.
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1.2.2

Blood rheology

Blood is a two-phase suspension of formed elements - 95% red blood cells
(RBCs), 0.13% white blood cells and about 4.8% of platelets, by volume - that
are suspended in a dilute electrolyte solution called plasma. Blood rheology
- or haemorheology - is the study of the flow and deformation behaviour of
blood and its formed elements and constitutes a widely investigated topic in
the scientific community. Understanding the rheological properties of blood
is of great importance for the detection and diagnosis of circulatory disorders
and for the development of cardiovascular devices and prostheses [Sousa et al.,
2016].
Like most fluids, blood is defined as a material that deforms under the
action of a shear force. The dynamic viscosity (µ) is related to the rate of
deformation (γ̇) that the fluid experiences when a shear stress (τ ) is applied
to it.
In rheology, a fluid is defined as Newtonian when the shear stresses τ
are linearly proportional to the local shear rates γ̇, with µ being the constant
of proportionality. Although early investigations at the beginning of the 20th
century reported blood as a Newtonian fluid, the dependence of blood viscosity
on flow conditions has been later quantified and it is now known that the
particulate nature of blood results in a more complex behaviour. In blood, the
shear stress is not directly proportional to the rate of shear, and the viscosity
– called apparent viscosity (µapp ) – is not a constant but rather depends on the
value of shear rate. The relationship between stress and deformation is nonlinear and hence blood exhibits the so called shear thinning non-Newtonian
rheology.
In particular, the apparent viscosity increases to larger magnitudes at low
rates of shear because the RBCs tend to aggregate forming Rouleaux. As the
shear rate increases, the aggregates gradually break down for shear rate higher
than 50 s−1 and RBCs orient with the flow following the streamlines. At high
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shear rates, the cells deform to align completely with the flow and the viscosity
coefficient approaches an asymptotic value of about 3.5 cP (Figure 1.2).
In arterial modelling, when considering flow in larger arteries where the
shear rate is above 100 s−1 , neglecting the non-Newtonian behaviour is a common practice and a constant value is often used as an estimation of blood

Blood viscosity [Pa s]

viscosity [Chandran and Yoganathan, 2012].

Shear rate 𝛾ሶ [s-1]

Figure 1.2: Behaviour of the RBCs at different shear rates. The image shows viscosity blood values obtained experimentally and three viscosity curves, a Newtonian
one and two non-Newtonian models (Carreau-Yasuda and Casson). Figure modified
from Moore [2008] with permission.

1.3

Aortic Dissection

Aortic dissection, is the most severe complication of thoracic aortic diseases.
It occurs when a tear in the innermost layer of the aorta allows blood to flow
between the layers of the wall. In particular, blood flows into the media,
forcing the intima and the adventitia apart and leading to the development
of an intimal flap (IF)(Figure 1.3). This pathology can be initiated either
by tear formation in the intimal layer of the vessel wall or by an intramural
haematoma, caused by the rupture of a vasa vasorum of the wall, that causes
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(b)

(a)
Aorta

Vasa
vasorum
False
lumen
True
lumen

True
lumen

Intramural
haematoma

Intimal
Flap

Intima

Media

Adventitia

Figure 1.3: Aortic dissection. (a) The aortic wall comprises three layers: the
intima, the media and the adventitia. Bleeding within the media forces the layers
apart and forms the intimal flap. (b) In some cases, aortic dissection might also be
caused by rapture of the vasa vasorum - capillaries that supply blood to the vessel
wall. This may result in an intramural haematoma that can progress to form an
aortic dissection. Modified from Nienaber et al. [2016] with permission.

the intimal layer to split (Figure 1.3). The intimal flap separates the true
lumen (TL), the physiological pathway of blood into the aorta, from a false
lumen (FL), the new pathological route of blood in the aortic wall. In the
majority of cases, different re-entry tears are present in the intimal flap as
sites of communication between the two lumina, but in some cases a distal FL
outflow tear can be missing. As blood continues to flow in the false lumen,
the intimal flap can extend both in antegrade or retrograde direction from
the initial entry tear. The dissection may involve vessel branches, leading to
malperfusion syndrome [Nienaber et al., 2016].

1.3.1

Classification

There are two commonly adopted classification schemes for AD based on
anatomical features: the De-Bakey classification categorises dissections by the
site of origin, and the more recent Stanford classification, categorises dissections by the involvement of the ascending aorta (Figure 1.4). In the De-Bakey
classification, dissections originating in the ascending aorta are subdivided into
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those that propagate to the aortic arch (type I) and those confined to the ascending aorta (type II), as opposed to those originating in the descending aorta
(type III) propagating distally only in the thoracic aorta (type IIIa) or below
the diaphragm (type IIIb). The Stanford scheme, on the other hand, is divided
into type A dissections (TAAD), which involve the ascending aorta, and type
B dissections (TBAD), which do not [Goldfinger et al., 2014]. Approximately
two-thirds of ADs are classified as Type-A AD [Criado, 2011].
Both types of dissection can breach the outer layer of the vessel wall, leading to rupture into the chest or abdomen. However, most of the consequences
of AD result from the FL extending to branch arteries, potentially leading to
organ ischaemia.
Traditionally, ADs are divided according to their evolution in time as well.
AD is defined as acute dissection within two weeks of symptoms onset, followed
by a subacute stage three months since onset and then a chronic stage. During
the acute stage patients are considered highly vulnerable to life-threatening
complications and death, in particular when the ascending aorta is involved.

1.3.2

Symptoms and pathophysiology

The most common symptom of AD is sudden-onset acute chest or back pain,
with no evidence of myocardial ischaemia. Several risk factors have been associated with the development and progression of AD, many of which have been
shown to predispose the vessel to become fragile. They can be divided into
two broad groups: conditions related to connective tissue degeneration and
weakening, and conditions that increase aortic wall stresses. The majority of
cases are related to conditions that increase the pressure exerted by blood on
the vessel wall, such as hypertension (present in approximately 80% of patients
who develop AD [Nienaber et al., 2016]), aortic coarctation, physical trauma
and weightlifting [Goldfinger et al., 2014, Strayer et al., 2012].
Whether due to vessel wall instability or to an acquired condition, the
compromised integrity of the vessel is a key aspect of the pathology. Once the
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(a)

Dissection involving the
ascending aorta

(b)

Dissection involving
both the ascending and
descending aorta

(c) Dissection limited to
the descending aorta

Figure 1.4: Anatomical classification of aortic dissection. (a) Dissection that
involves only the ascending aorta, (b) dissection that involves both the ascending
and the descending aorta and (c) dissection that involves only the descending aorta.
Modified from Nienaber et al. [2016] with permission.

structural and functional properties of the vessel are compromised, ADs are
aggravated by mechanical stress owing to blood flow [Nienaber et al., 2016].
The highest mortality from AD occurs in the first 48 hours after symptoms
onset, therefore immediate diagnosis is lifesaving. Diagnostic imaging plays a
key role in aortic dissection, and is used to confirm the diagnosis, assess the
extension of the dissection and its properties, and analyse the indicators of
urgency for intervention planning. The most commonly used imaging modalities currently in use are Computer Tomography (CT) and Magnetic Resonance
Imaging (MRI).
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1.3.3

Clinical management

Once diagnosed, AD can be managed (i) by surgical or endovascular intervention, or (ii) by pharmacotherapy. The aim of the initial management of acute
dissection is to limit the propagation of dissection by controlling blood pressure with medical treatment. Indications report that drugs should be used to
achieve a systolic pressure of 100-120 mmHg and a heart rate of 60-80 beats
per minute. Following initial stabilisation, clinical management, whether open
repair or endovascular treatment, depends on the patient-specific case, considering the dissection site, presence of complications and markers of disease
progression. In Figure 1.5 a management flow chart for aortic dissection is
shown.
Since Type-A dissections can propagate proximally and involve coronary
arteries and the aortic valve leading to critical complications (e.g. myocardial
infarction and acute heart failure), they are considered more critical and open
surgery repair is usually performed as soon as possible. The extent and typology of surgical treatment depends on the location of the dissection. When
only the ascending aorta is involved, the typical surgery includes the use of
a tubular graft under a short period of aortic clamping. When the dissection
involves the aortic arch as well, a period of circulatory arrest is required to
allow the reconstruction of the aortic arch. Therefore, even if the surgical
times are nowadays more predictable thanks to innovative arch prosthesis, the
surgery requires more precautions as antegrade cerebral perfusion and lower
body hypothermia are necessary. Lastly, when the dissection extends from the
ascending aorta up to the descending aorta, an extensive procedure including graft replacement of the ascending aorta and arch, and stent grafting of
the descending tract might be necessary. This complex procedure leads to a
significant increase of the surgery duration and thus the risk of neurological
implications, but decreases the probability of late re-intervention.
Conversely, acute dissection confined to the descending aorta (Type-B dis-
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1
Symptoms
presentation

Patient with chest pain

First tests: blood biomarkers,
electrocardiogram
Pulmonary embolus
Urgent CT scan

2

Acute coronary syndrome
Acute
episode

Acute Aortic Dissection

Stanford Type-A

Stanford Type-B

3

Treatment

Complications:
• Aortic rupture
• End-organ ischaemia
• Pain and hypertension despite
full medical treatment
• Early false lumen expansion
• Large single artery

Open surgery
after initial risk
assessment

Uncomplicated:
Best medical
treatment (BMT)

4

Complicated:
Endovascular
treatment (TEVAR)

Follow-up

Figure 1.5: Management flow chart for aortic dissection. Modified from Nienaber
and Clough [2015] with permission.

section) is usually treated pharmacologically (in order to decrease and control
blood pressure), unless complications such as organ malperfusion, progressive
dissection, intractable pain, uncontrolled hypertension or early FL expansion,
are present [Nienaber and Clough, 2015]. Moreover, even if complications are
not observed on initial presentation, the long term prognosis for these patients is that 50% will experience aortic complications. These complications
require surgical intervention, even if the decision regarding how and when to
intervene retains a degree of subjectivity. Associated with lower risks, endovascular repair, or Thoracic Endovascular Aortic Repair (TEVAR), is the
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preferred treatment whenever possible (Figure 1.6). The standard aim is to
cover the entry tear and obstruct the blood flow into the FL, thus lowering the
pressure in the lumen. The reduced FL flow leads, at the same time, to thrombosis and shrinkage of the FL, ultimately preventing aneurysm formation and
rupture, and to a redirection of blood flow into the TL, that may solve organ
malperfusion.

Thrombosis and
shrinkage of the
false lumen

Proximal
entry tear

Stent
graft

Perfused
false
lumen

True
lumen

Figure 1.6: Illustration of the TEVAR surgical treatment. The stent-graft is placed
in order to cover the entry tear and induce FL thrombosis and shrinkage. Modified
from Massachusetts General Hospital [2015].

The international registry of aortic dissection (IRAD) indicates that almost 33% of Type-B cases develop a complication, such as occlusion of a main
aortic branch that may lead to end-organ ischaemia, or haemodynamic instability, with a consequent higher risk of death. Risk factors associated with
complications include a diameter of aorta bigger than 4 cm, a large entry tear,
and a partially thrombosed FL [Doyle and Norman, 2016].
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Long term follow-up is essential for AD patients, whether treated medically or surgically, and clinical and imaging monitoring is performed constantly.
Guidelines recommend CT or MRI monitoring at 1, 3, 6 and 12 months and
annually thereafter depending on the patient-specific conditions. The 10 year
survival rate after hospitalisation is between 30% and 60% [Bossone et al.,
2018].

1.4

Fluid dynamics of aortic dissection

Understanding the blood flow dynamics in the aorta has been the subject of
several numerical and experimental investigations. Haemodynamics is considered to play a crucial role in the formation and progression of AD [Clough
et al., 2012]. Therefore, methods that can, non-invasively, provide data on the
intra-aortic haemodynamics would be beneficial for the management and understanding of the disease. Recent advances in medical imaging technologies
led to the development of techniques such as 4D Flow MRI, that allow the
measurement of time-resolved velocity fields in the heart and in large vessels.
Nonetheless, the resolution of such imaging methodologies is often not sufficient to capture important fluid dynamic markers such as wall shear stresses
(WSS) and pressure, which play an important role in AD [Xu et al., 2018].
Furthermore, the limitations of these methods are even more important for
AD, where the magnitudes of the velocities in the FL are often too small and
signal-to-noise ratios are too high to allow reliable interpretations of the results. On the contrary, experimental and computational approaches are able
to provide high spatial and temporal resolutions.
As surgical intervention is usually necessary for Type-A dissections on presentation, the development of additional tools for diagnosis and management
has fewer benefits compared to the case of Type-B dissections. Henceforth,
this literature review will be on Type-B AD.
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1.4.1

Experimental fluid dynamics

Experimental haemodynamic investigations have been successfully applied to
the study of cardiovascular pathologies. Experimentally reproducing physiological fluid dynamics not only allows the condition of interest to be studied
under controlled conditions, but also represents a necessary tool for the development and testing of medical devices and potentially surgical procedures.
The following section will discuss previous experimental studies developed to
investigate the haemodynamic parameters of AD. These studies can be divided
into three main groups: in vivo, ex vivo and in vitro studies.
Animal experiments: In vivo studies
The earliest reported works on AD are in vivo studies performed on animals
with a surgery induced dissection of the aorta. Such studies were mainly
performed on swine and dogs, whose anatomical characteristics are considered
to be closer to humans. Creating an AD model by surgery is a way to reproduce
the so called iatrogenic and traumatic ADs, where the aortic wall may be intact
with no lesions and the intimal tear is caused by accident or inappropriate
medication interventions (e.g. invasive retrograde catheter interventions).
Besides developing new procedures to induce AD in vivo, either via surgical splitting of the aortic media layer [Marty-Ané et al., 1995] or combining
surgery with injection of a solution [Wang et al., 2013], some of these animal
models were used to investigate medical treatments. Morales et al. [1998], for
instance, used a model similar to the one developed by Marty-Ané et al. [1995]
to study the effectiveness of aorta fenestration on alleviating organ ischaemia,
showing that after the procedure in acute descending AD, blood pressure and
flow to hypo-perfused organs were restored. Another example is the study
performed by Fujii et al. (2000), who used another minor modified procedure
to generate AD in pigs that were then treated with radio-frequency induction
heating therapy which, in combination with a self-expanding metallic stent,
showed potential to treat acute AD.
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Surgically or invasively induced AD models in vivo allow to study the effects of both haemodynamic changes and medical treatments and to investigate
the physiological progression of AD with the advantage of being reproducible.
However, there are several disadvantages: only Type-B AD can be induced
and only features similar to traumatic AD can be created. This is a limitation when investigating the progression of the pathology. Furthermore, it is an
invasive procedure that needs ethical approval; it is expensive and, lastly, measurements and data acquisition in animal models are limited due to practical
constraints.
Benchtop experiments: Ex vivo and in vitro studies
An alternative method to in vivo studies is the use of benchtop experiments
where flow analysis of the section of interest (i.e. aorta) is performed via
sophisticated measurement techniques. Whilst the evaluation of the dissectionrelated haemodynamic parameters is difficult and complex in vivo, an in vitro
approach offers the means to study the behaviour of AD in a holistic way with
the major advantages of reproducibility and controllability. Moreover, pressure
and flow data can be acquired at different locations and imaging techniques
can be performed in the test section to analyse the dynamics of the flow (e.g.
Ultrasound, MRI).
Benchtop experiments use mock circulatory loops to simulate in vitro the
physiological condition of interest. Mock circulatory loops, varying in complexity, have been designed and used in the literature since the seventies in
order to simulate the human systemic circulation and have been applied to a
variety of applications. For instance, to study mechanical or biological heart
valves [De Gaetano et al., 2015, Vismara et al., 2009], to perform LVAD tests
[Tuzun et al., 2011, Pantalos et al., 2004, Timms et al., 2005], to simulate
surgical interventions [Vismara et al., 2010] or to study the haemodynamics
in different sites, such as in the ascending aorta [Gülan et al., 2012], curved
arteries [Bulusu et al., 2014], or stenotic vessels [Huh et al., 2015].
For AD studies, ex vivo and in vitro models mimic the human circulatory
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system via experimental mock loops which typically consist of a pump system
(pulsatile in the majority of the works), a test section (i.e. dissected aorta) and
a reservoir. An afterload simulator is sometimes present in order to mimic the
downstream vasculature (Figure 1.7). Even though mock circulatory loops are
overall becoming more advanced over time, in order to simulate and capture
the human circulation as closely as possible, there are still some important
differences amongst the various approaches.
In particular, significant differences are encountered in the simulation of
the afterloads (outlet boundary conditions) around the test section. There
are three main functional elements in the vasculature whose effects should be
reproduced in vitro: the elastic arteries, the microcirculation and the venous
system. These can be described through vascular resistances and compliances.
The former is the resistance that must be overcome in order to push blood
through the circulatory system, and the latter is the ability of the vessel to
distend and increase its volume with the increase of transmural pressure. Previous works have used different combinations of controllable valves, compliance
chambers and/or reservoirs, that are manually tuned to obtain physiological
pressure values.
The difference between ex vivo and in vitro models is the test section:
the first ones use biological samples of aortas, harvested from animals or humans, with an induced dissection, whereas the second ones use purpose-made
synthetic phantoms to simulate the pathological vessel.
Ex vivo studies
Ex vivo studies use biological samples of aortas, either from animals or humans.
In these studies, the dissection of the aorta is induced and the vessel rarely
includes branches. When of interest, branch vessels can be simulated with
plastic tubes [Veger et al., 2015]. Performing benchtop studies on biological
samples allows the acquisition of more data and perform more detailed analyses
than it is possible in vivo. For instance, it allows the acquisition of pressure
and flow rate data, and the imaging of the dynamics of the intimal flap in real
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Figure 1.7: Schematic representation of a typical mock circulatory loop used in ex
vivo and in vitro studies. All the rigs described in literature in relation to AD studies
include a pump system (pulsatile in almost all the cases), that provides the desired
flow rate, a test section simulating the dissected aorta and a reservoir, which serves
as a pre load. An afterload simulator is sometimes present, reproduced by means of
one or more of the following components: resistance valve, compliance chamber and
reservoir.

time, that are impossible to study in vivo.
Experiments have been performed on porcine aortas to investigate the factors that influence the dissection progression or affect prognosis, with the aim
of identifying what could be beneficial in human patients affected by TBAD
[Peelukhana et al., 2016, Girish et al., 2016]. Studies of IF dynamics have
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found that pulse pressure (PP), rather than mean pressure, is the primary
determinant of flap motion and dissection propagation, which has been also
found to be highly influenced by the geometry of the entry tear [Peelukhana
et al., 2016]. The study concluded that mitigation of PP and restriction of the
IF motion may be beneficial in patients, an outcome that could potentially be
useful in the clinic.
Another possible application is the evaluation of the factors influencing
clinical outcome. The status of the FL in patients with acute and chronic AD
has been investigated as a potential factor affecting the prognosis and longterm mortality. Girish et al. [2016] used 25 porcine aortas to create five models
of ATBAD, with different morphological features, and demonstrated that (i)
the location and number of intimal tears determine which lumen has higher
pressure and (ii) mortality is increased in patients with distal FL thrombosis
due to an increase of FL pressure that leads to lethal events [Tsai et al., 2007].
However, animal models of AD have significant differences to human aortas. First, the smaller size of the vessel (in particular of the cross-sectional
area) makes these models unsuitable to test endovascular stent grafts designed
for humans, and therefore not able to be used as a tool to test different surgical
interventions. Second, most of the reported models have a limited dissection,
that rarely reaches the infracelic aorta, which on the contrary is involved in
up to 70% of the cases of TBAD in humans [Stanley et al., 2011].
To overcome some of these limitations, Faure et al. [2014], reported a new
human ex vivo model of Type-B AD with which they were able to analyse
the propagation of the dissection through a video camera introduced into the
vessel and compare the acquired pre-procedural data with the post-procedural
ones.
Nevertheless, both in animal and human aortas, the surgical induction
of the dissection is not able to simulate the actual physiological condition
of the tissue in spontaneous AD. Furthermore, although the impact of the
primary entry tear location on antegrade dissection propagation has never
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been reported, it has been shown that it affects retrograde propagation and
early outcome [Dziodzio et al., 2011]. The surgery-induced entry tear, and
simple geometry, are therefore likely to have a non-negligible impact on the
results.
In vitro studies
In vitro studies use artificial phantoms to simulate the test section of
interest. Depending on the aim of the work and on the assumptions made,
the phantoms described in the literature for vasculature applications can be
either rigid or compliant and can have different levels of complexity, varying
from idealised geometries to patient specific ones. In vitro AD studies are still
at early stage of development and only few works have been reported in the
literature in the last two decades (Table 1.1).
Parametric studies are performed on idealised controlled phantoms, where
geometric features are varied to analyse their impact on different haemodynamic parameters of interest. The controllability and the accuracy of synthetic
in vitro AD models are essential for these experimental studies and cannot be
reached with biological samples.
For example, the study of Chung et al. [2000b] used two idealised phantoms (one rigid and transparent, and one compliant and opaque) both with an
aortic arch, abdominal branch vessels and a distal bifurcation, to investigate
the effects of anatomical and physiological factors on true lumen collapse.
Another parametric study in a simplified phantom was performed by
Rudenick et al. [2013], who aimed to assess flow patterns and haemodynamics
in flexible models and understand the changes involved in tears of different sizes
and locations, with regard to both flows and pressures. More importantly, this
study demonstrated that TL and FL hydrodynamics are highly influenced by
the morphological configuration of AD and that FL haemodynamics strongly
depends on cumulative tear size.
Parametric studies can also be used to assess possible treatment methods
and their impact on parameters of interest (e.g. flow patterns, pressures and
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al.

Inlet BC

Combination of R
and
C
manually
tuned
to
obtain
physiological
P
values

Outlet BC

Water (Newtonian)

Working fluid

Investigate the effects of anatomical
and physiological factors on true lumen
collapse

Study aim

Q(t), P(t), intravascular US for flap
movement measurements.

Parameters

Table 1.1: Published experimental in vitro studies of Type-B Aortic Dissection.
Vessel wall

Pulsatile,
data from
literature

Q(t), P(t).

Geometry

Authors

Chung et
[2000a]

Compliant
aorta
body
and
rigid
branches; Full rigid
model

Investigate the impact of intimal tear
size, tear number,
and location on false
lumen pressure

Simplified
model
with
branches

al.

Blood
mimicking
fluid (Newtonian)

Compliant,
tensile
strength from literature data of healthy
aortas

R clamp and C chamber manually tuned
to obtain physiological P values

Simplified
model
with
aortic arch, no
branches

Pulsatile,
data from
literature

Tsai
et
[2008]

Water (Newtonian)

Rudenick et al.
[2013]

Q(t)
and
P(t),
echocardiographic
imaging
for
flow
pattern visualisation,
pulsed wave doppler
for tear flow.
Pulsatile,
data from
literature

Assess flow patterns
and haemodynamics
to study the changes
involved with tear
size and location
Compliant,
tensile
strength from literature data of healthy
aortas

One adjustable valve
and C chamber manually tuned to obtain
physiological P values

Simplified,
only descending aorta, no
branches

None

P(t) measurements
and 4D PC-MRI for
haemodynamics.
Continuous
flow

Employ
PC-MRI
data to assess flow
dynamics in an AD
model

Compliant,
tensile
strength from literature data of healthy
aortas

Water-Glycerine solution (Newtonian)

Birjiniuk et al.
[2015]

Aortic
main
body
segmented
from
CT images, no
branches, tear
manufactured

None

P(t) measurements
and 4D PC-MRI for
haemodynamics.

Pulsatile,
data from
literature

Water (Newtonian)

Birjiniuk et al.
[2017]

Compliant,
tensile
strength from literature data of healthy
aortas

Investigate the impact of pulsatile flow
on
haemodynamic
features in presence
of a mobile intimal
flap

Aortic
main
body
segmented
from
CT images, no
branches, tear
manufactured
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IF motion). For instance, Chung et al. [2000a] evaluated treatment methods to
relieve TL collapse by creating FL outflow and distal re-entry communication.
Moving towards more complex anatomical models, Birjiniuk et al. [2015]
fabricated an AD silicone model based on clinical computed tomography images, which, as opposed to previous works in the field, has both a compliant
mobile IF and accurate entry tears and dimensions. Even though this study
represents one of the first attempts to create anatomically accurate aortic
dissection phantoms, it has several shortcomings, such as the lack of branch
vessels and the use of a continuous pump, that may have important influence
on all the measured haemodynamic parameters. To overcome this last limitation, Birjiniuk et al. [2017] extended their work to also study the IF motion in
phantoms perfused with pulsatile physiological flow and observed new haemodynamic features, including flow reversal, large exit tear vortices and pumping
action from the IF. This demonstrated the importance of employing pulsatile
flow as close as possible to the physiological one.
As previously mentioned, due to the complexity and the challenges posed
by AD, in vitro studies are still at their infancy compared to other vascular
pathologies (e.g. aneurysm). Despite the importance of accurate reproduction
of both anatomical features and fluid dynamics, no patient-specific in vitro AD
studies have been reported yet.

1.4.2

Computational fluid dynamics

Computational fluid dynamics solves and analyses fluid flow problems through
numerical analysis. The governing equations describing the haemodynamic
behaviour are based on the principles of conservation of mass and momentum,
described through non-linear partial differential equations.
Analytical solutions are available for simple cases under defined assumptions, such as the Poiseuille solution – i.e. steady-state laminar flow, in a
straight rigid pipe with a constant circular cross-section and infinite length,
driven by a constant pressure gradient in the longitudinal direction – and the
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Womersley solution – i.e. pulsatile, laminar flow in a straight rigid pipe, with
a constant circular cross-section and infinite length, driven by a periodic pressure gradient in the longitudinal direction. On the contrary, realistic scenarios,
such as simulating patient-specific flows in arteries with complex geometries
and boundary conditions, require approximate numerical solutions. Depending on the variables of interest and the desired complexity of the model, the
equations of fluid motion can be simplified to lower spatial dimensions.
In this section, an introduction on the computational methods applied to
the study of cardiovascular fluid dynamics will be first provided. In line with
the scope of the thesis, only zero-dimensional (0D) and three-dimensional (3D)
models will be discussed. This will be followed by a literature review of the
computational research carried out for the study of the haemodynamics of
Type-B AD.
Zero-dimensional models
Zero-dimensional models – or lumped-parameter models – assume a uniform
distribution of the physiological variables of interest (flow rate Q and pressure
P ) within any considered compartment of the model (organ, vessel). These
variables are therefore not dependent on spatial coordinates but are only a
function of time (Q(t), P (t)).
0D models use a hydraulic-electric analogue to describe the mathematical
relation between the variables: pressure gradient, which drives the blood flow
against a hydraulic impedance, is equivalent to the electric potential gradient,
which drives the electric current against the electric impedance. The hydraulic
impedance which simulates the combined effect of fluid inertia, friction losses
and wall deformability, corresponds to the electrical impedance, which includes
the effects of resistance, capacitance and inductance in an electric circuit. Table 1.2 summarises the hydraulic-electric analogy, its main components and
their governing equations.
Mono-compartmental 0D models describe an entire compartment of the
vascular system with a single combination of resistance R, compliance C
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Table 1.2: Analogy between electric and hydraulic systems.

Electric

Hydraulic

Component

Equation

Resistance

Friction losses

∆P = RQ

Capacitance

Compliance

Q = C dP
dt

Inductance

Inertance

∆P = L dQ
dt

and/or inertance L. This behaviour was first discovered by Stephen Hales
in 1727 and was then described by Otto Frank in 1899. He described the systemic arterial system through a closed hydraulic circuit and he presented the
mathematical approach to the 2-element Windkessel model (2WK). The two elements correspond to total peripheral resistance and total arterial compliance.
Despite the model simplifications, the 2WK was able to capture the behaviour
of the vascular system at low frequencies accurately. Several studies further
investigated this behaviour and more complex lumped parameters models were
developed to improve the 2WK estimates. In 1943, a proximal resistance was
added to the model, leading to the 3-element Windkessel model (3WK). In this
model, the combined effect of the two resistances represents the total systemic
vascular resistance, and the capacitance describes the compliance effects of
the vascular system. Windkessel models can be coupled to higher-order models to serve as boundary conditions in order to model the impedance of the
downstream vasculature, which is not included in the computational domain.
In order to resolve the distribution of pressure and flow in different segments of the vascular network of interest, multi compartment 0D models are
used. These models describe different vessel segments as a network of connected 0D blocks. Each of these blocks describes a vessel segment with a
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combination or R, C and L.
The vascular resistance (R) is the resistance that must be overcome in
order to push blood through the circulatory system and takes into account
frictional losses. It can be approximated using Poiseuille’s flow as:
Ri =

128µl
πD4

(1.1)

where µ is the dynamic viscosity of blood, l is the length of the vessel segment
considered and D is the vessel diameter. Resistance is inversely proportional to
the fourth power of the tube radius. Therefore, small changes in the radius of
vessels will significantly alter the vascular resistance. This reflects physiological
behaviour. Blood travelling downstream from the left ventricle has to overcome
the resistance to flow in the smaller vessels and, hence, the blood pressure
decreases in the distal arteries. A sharp decrease in pressure is indeed observed
at the origin of capillaries where the pressure pulse is minimal. This continues
through the venous system and, as blood enters in the right atrium, the blood
pressure is close to 0 mmHg (< 5 mmHg).
The vascular compliance C accounts for the ability of the vessel to distend
and increase its volume with the increase of transmural pressure. It can be
calculated considering the geometrical characteristics of the vessel i and its
mechanical properties as:
Ci =

3 πr3 l
2 Eh

(1.2)

where h is the wall thickness and E is the Young’s modulus of the vessel wall
material.
The vascular inertance (L) accounts for the inertial effects of blood and
can be derived from the momentum conservation equation as:
Li =

ρl
πr2
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For a given multi-compartmental network, the resulting system of ordinary differential equations can be solved numerically and constitutes a simplified method to model the main features of blood flow in a vascular system.
However, lumped parameter models are unable to capture the complex flow
phenomena that characterise cardiovascular haemodynamics, such as the effects of complex anatomies, curvature, developing flows, recirculation regions
and flow separation.
Three-dimensional models
In order to capture the local haemodynamics of a specific geometry, threedimensional models are used. The governing equations of the fluid dynamics
are the continuity equation and the Navier-Stokes (NS) equations, which for
the laminar flow of an incompressible (ρ = constant), isotropic and Newtonian
(µ = constant) fluid are defined as:
∇U = 0

"

(1.4)

#

∂U
ρ
+ (U · ∇)U) = −∇p + µ∇2 U + ρf
∂t

(1.5)

where the unknown variables are the velocity vector field U = [u, v, w], and the
pressure field p(x, y, z, t).
In order to obtain the fluid dynamics in complex patient-specific models,
these equations are solved numerically with the use of a CFD code. The
computational domain is spatially discretised in a number of small elements or
volumes – mesh – and the time interval is temporally discretised in a number
of time-steps (∆t). Moreover, the solution of the section of interest depends
on the boundary conditions employed (inlets, outlets and walls) and on the
assumptions made.
CFD has already provided significant insights into the haemodynamic of
several cardiovascular pathologies, such as coronary artery disease, valve prostheses, aortic aneurysm and congenital heart disease. A comprehensive re77
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view of the methods, challenges and benefits of CFD applied to cardiovascular
medicine is provided by Morris et al. [2015].
Computational Models of Aortic Dissection
CFD modelling has been applied to AD in the past two decades, moving from
idealised geometries and simplified boundary conditions towards more complex models with anatomically correct multi-branched domains and realistic
boundary conditions. In this section, the main aspects of AD computational
modelling are described.
Similarly to experimental works, idealised geometries are also employed
in computational models to perform parametric studies [Ben Ahmed et al.,
2016, Tang et al., 2012]. However, considering the complex patient-specific
features involved in AD, it became evident that a shift towards more accurate
reproductions was needed. The first reported AD studied made significant
geometrical approximations and the aorta was often reproduced with just one
inlet and one outlet located in the descending aorta [Cheng et al., 2010, Fan
et al., 2010]. Over the years the anatomical accuracy has been increasing
gradually leading to anatomical representations of either the main vessel with
the upper branches only [Alimohammadi et al., 2014, Cheng et al., 2014], or
the whole fluid domain including the supra-aortic branches, abdominal and
visceral vessels [Yazdani et al., 2018, Pirola et al., 2019, Bonfanti et al., 2019].
Even with an accurate reproduction of the vessel geometry, a physiological and accurate solution heavily depends on the chosen boundary conditions
aimed at simulating the inlet flow rate and the effect of the downstream vasculature. A flow rate curve is traditionally prescribed as inlet BC, taken from
literature [Tse et al., 2011] or, when available, from patient-specific data such
as 2D PC-MRI [Bonfanti et al., 2018] or Doppler Ultrasound [Xu et al., 2017].
An assumed flat velocity profile is usually imposed and it has been shown not
to significantly affect the fluid dynamics in the descending aorta [Pirola et al.,
2019]. Simplified boundary conditions have been employed at the outlets especially in early AD computational models. However, these simplifications intro78
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Figure 1.8: Schematic showing the most used computational choices employed in
the literature for AD modelling regarding aortic geometry and vessel wall, flow
rheology, inlet flow and outlet BCs. 1 [Fan et al., 2010]; 2 [Cheng et al., 2010];
3 [Alimohammadi et al., 2015]; 4 [Bonfanti et al., 2017]. * The moving boundary
method (MBM) simulates the effect of vessel wall motion on the fluid domain [Bonfanti et al., 2018].

duce inaccuracies. For instance, a physiological flow split prescribed amongst
the main branches [Tse et al., 2011, Chen et al., 2013a], does not consider
variations in the known cardiac output distribution in case of pathology; zero
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pressure at the abdominal aortic branches employed in several works, can lead
to errors in the flow distribution in the domain, which physiologically depends
on the afterloads and not only on the impedance introduced by the geometry
itself. Whilst moving towards complex anatomies, recent computational models also started to employ more accurate boundary conditions, coupling the
3D domain with 0D-Windkessel models prescribed at the outlets [Athanasiou
et al., 2019, Pirola et al., 2019, Bonfanti et al., 2019]. Such dynamic boundary conditions account for the downstream vasculature of the system without
constraining the flow and/ or pressure at the boundaries and has been proven
to be an appropriate choice in AD modelling.
The large majority of AD computational simulations treats the vessel wall
as rigid, which does not represent the correct physiological behaviour. This
is due to the high complexity and computational demands of fluid-structure
interaction (FSI) simulations, that can account for vessel wall motion. AD
models accounting for distensibility of the vessel have been described in recent years [Bäumler et al., 2020, Qiao et al., 2019, Alimohammadi et al., 2015]
and these studies have shown that wall motion may have an impact on clinically relevant information, in particular when the fluid dynamics is affected
by the intimal flap motion during the cardiac cycle. FSI simulations make
assumptions about the mechanical properties of the vessel wall, which cannot
be personalised. In order to overcome this, Bonfanti et al. [2017] developed
a moving boundary methodology, informed by clinical data, to simulate the
effect of vessel wall motion on the fluid domain without modelling the vessel
mechanics and therefore also reducing the computational time.

1.4.3

Combined in vitro and in silico approach

Only two studies have attempted to combine in vitro and in silico approaches
for the study of AD hitherto. In order to improve the understanding of TL
and FL haemodynamics, Rudenick et al. [2010], performed CFD and in vitro
studies on an idealised rigid dissected aorta (without aortic arch or branches)
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and compared the obtained results to a typical patient. Although the study
presented significant simplifications, it represented the first attempt to perform a combined experimental and computational evaluation of a simplified
vessel domain, and proved that such approach leads to a more integrated and
extensive assessment of AD. In a second attempt, Chen et al. [2016] developed
a 3D FSI simulation of an idealised section of dissected aorta and validated
the results against ex-vivo ultrasound measurements in a porcine aorta with
an induced dissection in a pulsatile flow loop. Although recent patient-specific
AD computational models have been compared to the available in vivo data
[Bonfanti et al., 2018, Pirola et al., 2019], no such studies which include in
vitro data have been reported.

1.5

Clinical translation and challenges

Diagnosis, management and treatment of AD are highly patient-specific and
modelling inter-subject variability has the potential to help clinical decision
making.
Currently, there is a limited understanding of the fluid mechanics phenomena underlying AD clinical outcomes. Flow patterns, pressure, velocities and
shear rates are important features for this pathology that are difficult to measure. The effects of these variables on key AD features, such as IF movement,
occlusion of distal branches, aneurysmal degeneration, location and dimensions
of tears, have been described but still not extensively demonstrated, especially
in patient-specific studies [Bäumler et al., 2020, Nienaber and Clough, 2015].
This scarcity of data may be supplemented by use of models, numerical and
experimental, in which these parameters can be studied and compared for
validation purposes.
Experimental investigations of flow in AD have increased the general understanding of the pathology and highlighted the influence of morphological
features on the involved fluid dynamic variables [Birjiniuk et al., 2017, Chung
et al., 2000b, Rudenick et al., 2013]. However, patient-specific complex flow
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fields have not been measured in these physical models yet, and there is still a
limited understanding of important haemodynamic phenomena, such as flow
reversal, secondary flow, or shear rate. Currently, there are no AD experimental models able to reproduce personalised haemodynamic conditions, taking
into account not only the patient’s anatomical features but also the boundary conditions to replicate his/her physiological pressures and flow rates. In
vitro patient-specific models should be able to adapt to the case study considered, preferably using non-invasive clinical data, rather than being informed
by literature data of average patients.
Furthermore, a major path to improvement is the interdisciplinary approach, with increased interaction between engineers and clinicians, and the
combination of various investigation tools to provide further insight in vascular
pathologies. An in vivo, in vitro and in silico approach would thus be ideal to
overcome the limitations of the current models and validate the results. Such
validation is currently lacking for AD, despite the fact that it represents a crucial step in the clinical translation of computational and experimental tools.
Are these models accurate enough for clinical translation?
The characterisation of local haemodynamics may eventually be used as
a tool for both prognostic markers and indication for medical intervention.
Physiological indices such as pressure and flow could aid the identification
of patients prone to adverse outcomes and experimental models may support
clinicians by virtually simulating novel devices or different surgical strategies
in order to identify the best available option for a specific patient.

1.6

Objectives of the thesis

The research carried out in this thesis aimed at addressing some of the shortcomings that emerged from the preceding review of the literature, namely the
lack of patient specific in vitro tools to study AD. Three specific objectives
were pursued:
• The first objective was the development of a novel experimental platform
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to study the haemodynamics of patient-specific AD cases. The platform
had to be able not only to reproduce physiological flow and pressure
conditions but also be informed by non-invasive clinical data to reproduce
the haemodynamics of a specific patient.
• The second objective was the development of an experimental framework to implement patient-specific studies with the tools developed, and
to demonstrate its reliability via the application to a case study. Considering the demonstrated promise of combining in vitro, in silico and in
vivo tools to tackle complex pathologies such as AD, the framework had
to be developed alongside computational modelling.
• Being able to complement the information that can be obtained experimentally, numerical models are a powerful tool for clinical translation.
However, the compromise between efficiency and complexity is still debated and these models are often limited by long computational times.
In this context, with the aim of supporting the development of efficient
numerical tools, the third objective was to consider the feasibility of reduced order modelling to simulate complex haemodynamic cases, such
as Aortic Dissection.

1.7

Outline of the thesis

The thesis is structured as follows: in Chapter 2, the design, development
and manufacturing of a mock circulatory loop which includes tunable components in order to perform patient specific vascular haemodynamic studies
is described. The chapter starts with an introduction on the methodologies
and components adopted in the literature for in vitro haemodynamic simulations and their existing limitations. Key components are identified and their
design and development illustrated, as well as their functional assessment protocol. The hardware and software of the developed acquisition and control
system developed alongside the hydraulic components are described. Lastly,
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the personalisation procedures developed to tune the physical models in order
to capture patient-specific features are described. The chapter ends with a discussion of the limitations and applicability of the developed mock circulatory
loop.
In order to perform patient specific in vitro haemodynamic studies, an
appropriate physical representation of the vessel geometry of interest had to
be developed. In Chapter 3, different manufacturing techniques for the development of complex phantoms are explored. Different solutions are analysed
and compared evaluating time and monetary costs as well as compatibility
with imaging techniques.
Chapter 4 illustrates the experimental methods to perform Particle Image Velocimetry studies to analyse the haemodynamics of vessels in vitro. The
chapter begins with an introduction on the principles of PIV, followed by the
details of the experimental apparatus and acquisition protocol. Lastly, the
methods are applied to a simplified geometry and the obtained experimental
data are compared to the analytical Womersley solution for validation purposes.
In Chapter 5, a patient-specific Type-B AD model is implemented in vitro
using the materials and methods described in the previous chapters. A description of the available clinical dataset available for the study is first provided.
The framework for personalised experimentation is described in detail. Flow
rates and pressure data are acquired at different locations as well as PIVderived 2D velocity fields in different planes along the domain. The results are
compared to the available in vivo data as well as a CFD simulation developed
to replicate the experimental conditions, in order to demonstrate the potential
of the combination of in vivo, in vitro and in silico tools.
In Chapter 6, PIV-measured velocity fields presented in Chapter 5 are
analysed by means of Proper Orthogonal Decomposition to detect dominant
flow structures with a view to develop Reduced Order Models for AD.
The thesis concludes with Chapter 7, which summarises the main results
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of the research carried out and discusses their implications for future studies.
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Chapter 2
Personalised in vitro
platform: Design and
Development

†

In this chapter, the design and manufacture of a novel in
vitro platform to perform patient-specific haemodynamic
studies, are presented. The platform components are developed alongside mathematical models informed by clinical
data for personalisation. The last section of the chapter describes the test protocols employed to validate the behaviour
of the developed components and discuss the obtained results.
† The

work presented in this chapter was partially published in
‘Design of an in vitro mock circulatory loop to reproduce patientspecific vascular conditions: towards precision medicine’, ASME JESMDT (2019) [Franzetti et al., 2019], and presented to the scientific
community at the European society of Biomechanics congress, 2016;
VPH CaSE conference, 2018; European Society of Vascular Surgery
conference, 2017 and 2018.

2.1. Introduction

2.1

Introduction

In the past two decades there has been an overall shift towards precision
medicine in the bioengineering and clinical communities; an attempt to move
away from the ‘one-size fits all’ approach for the management and treatment
of patients. Personalised medicine is the tailoring of treatment to the individual characteristics of a specific subgroup of patients, or individual, with the
goal of adapting drugs, medical devices and surgical procedures so that the
best available option can be provided [Divaris, 2017, Seymour et al., 2017].
Patient-specific studies have become commonplace in different bioengineering
areas, including the cardiovascular one.
As with CFD studies, in vitro vascular works have also evolved towards
more complex, and personalised, setups capable of simulating haemodynamic
physiological and pathological conditions. Significant effort has been made to
accurately reproduce the geometry of the vessel of interest from clinical images
[Doyle et al., 2008, Ionita et al., 2014, Birbara et al., 2019], and to mimic the
mechanical properties of the tissue (i.e. elasticity of the vessel wall) [Biglino
et al., 2013]. Inlet flow rate and outlet boundary conditions are, however, still
tuned using literature values to reproduce the average patient. However, since
the haemodynamics of a specific vascular pathology is dependent on the flow
rates and pressures, accounting for the morphology of a vessel alone cannot
guarantee personalisation.
While in silico studies have demonstrated the use of dynamic boundary
conditions tuned by in vivo data [Romarowski et al., 2018, Bonfanti et al.,
2017], equivalent in vitro apparatus with both patient-specific tuned inflow
and afterloads have not been reported, despite attempts to generate complex
experimental mock loops [Hang et al., 2016, Fahy et al., 2013, Huang et al.,
2010]. Furthermore, as described in the previous Chapter, when specifically
considering AD in vitro studies, research is still at an early stage and only
simplified vessel domains and boundary conditions are employed.
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There is a clear need for cardiovascular experimental platforms to be further developed to reproduce complex and personalised conditions. In this
chapter, a novel computer-controlled mock circulatory loop, designed to emulate aortic vascular pathologies, informed by in vivo patient-specific data is
presented.

2.2

Mock circulatory loop design

The ability to replicate a wide range of haemodynamic conditions and configurations was considered essential in order to simulate patient-specific features.
This translated into two key design aspects: first, the components had to be
tunable according to the available clinical data; second, the components had
to be modular so that they could be assembled in several configurations according to the test section of interest (e.g. number of branches in the vessel).
Three main design constraints were considered:
1. the mock loop should be able to reproduce the correct inflow into the
vessel. For aortic pathologies, this entails primarily the systolic phase of
the cycle;
2. an afterload simulator is required in order to achieve physiological working conditions in the test section (i.e. physiological pressures and flows)
and it should be tunable in order to reproduce different vessels and patients;
3. the mock loop should be coupled to computer routines to calibrate the
input parameters to the physical models based on available clinical data.
In this work, unlike the majority of published studies, a pulsatile pump
system combined with three element Windkessel simulators was used to reproduce in vitro vascular physiological conditions. Moreover, the designed devices
can be tuned and assembled in different configurations to adapt to the case
study under investigation.
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All the physical components and computer methodologies described in
this chapter were developed from scratch for the purpose of this work.

2.2.1

Pulsatile pump system

Several different pump systems can be used in mock circulatory loops. Even
though some studies reproduce a continuous flow [Birjiniuk et al., 2015, Buchmann and Jermy, 2007], the majority of works in the literature use pulsatile
pump systems. Different solutions are described, such as the use of ventricular
assist devices [Chung et al., 2000b, Gülan et al., 2012], collapsible ventricles
[Falahatpisheh and Kheradvar, 2012], combined use of centrifugal pumps and
piston pumps [Tsai and Savaş, 2010, van Ooij et al., 2012] and, lastly, the use
of computer driven piston pumps only [Querzoli et al., 2014, Bulusu et al.,
2014, Geoghegan et al., 2013].
In this work, the latter option was chosen due to the necessity to reproduce
the inlet flow curve of different patients as closely as possible. The main
specifications required for the pump system are the following:
• the system must be versatile, in order to simulate and vary the variables
of interest (i.e. flow rate, pressure, SV, heart rate);
• the pump system must be volumetric and able to provide a pulsatile
controlled flow;
• the flow and pressure waveforms generated must mimic the physiological
ones;
• ease of manufacturing of the components.
The designed pump system is illustrated in Figure 2.1, which shows its
key elements. Namely a mechanical actuator (motor, ball screw system and
piston), a ventricular chamber and connection/support components.
2.2.1.1

Mechanical actuator

The mechanical actuator was designed based on previous work [Lanzarone
et al., 2009]. It consists of a brushless servo motor (AKM22E, Kollmorgen,
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A
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D
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H

Figure 2.1: CAD drawing of the pulsatile pump system with all its components:
(A) rotational motor, (B) support plate, (C) ballscrew system, (D) connector between the ball screw nut and the piston, (E) second support plate, (F) piston,
(G) connector between the piston and the ventricular chamber, and (H) ventricular
chamber with valve holders.

VA, USA) electronically controlled by a driver unit (Single axis AKD drive,
Kollmorgen, VA, USA). The rotating motor moves a ball screw (SH12.7-12.7R,
SKF, Goteborg, Sweden) which transforms the rotational motion into the axial
movement of a piston (CPA Series Cylinders, Waircom-MBS, Granby, QC,
Canada). Compared to other options, the ball screw system was chosen to
minimise friction and maximise efficiency∗ .
Figure 2.2 shows a schematic of the procedure adopted to dimension and
design the pump system. Considering the design of the system, illustrated in
Figure 2.1, three components had to be initially dimensioned: (i) the motor,
(ii) the piston, and (iii) the ball screw shaft and nut.
First, to support the design and dimension the whole mock circulatory loop, a simplified computational lumped parameter model was utilised.
Namely, a 0D analogue of the in vitro circulation was simulated using 20-Sim
(Controllab, The Netherlands), and solved using the backward Euler method.
At this initial stage, physiological flow waveforms (i.e. input to the model)
∗ Mechanical

efficiency measures the ratio of the work output to work input. Low friction
in ball screws yields to high mechanical efficiency compared to alternatives.
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Figure 2.2: Flow diagram of the procedure followed to design the three main
components of the pulsatile pump system: the piston, the ball screw system and the
rotational motor.

and resistance and compliance values for the afterload, were obtained from
literature. The model provided an estimate for the pressure in the ventricular
chamber required to specify the power of the rotational motor.
The structure of the lumped parameter model is shown in Figure 2.3. It
includes the atrial reservoir, modelled as an open chamber, connected through
a rigid tube to the pump system, represented by means of a ventricular chamber with two valves and connectors to the hydraulic circuit, and a systemic
impedance simulator, represented via two resistances and one capacitance. The
definition of each parameter is as follows:
• Pf ree , hydrostatic pressure of the atrial reservoir;
• Pchamber , pressure of the ventricular chamber;
• Rp , resistance of the hydraulic pipe connecting the reservoir to the pump
system;
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• Rd , resistance of the diverging duct between the pipe and the mitral
valve;
• Rmv , resistance of the mitral valve;
• Re , resistance due to the cross sectional variation at the inlet of the
ventricular chamber;
• Ri , resistance due to the cross sectional variation at the outlet of the
ventricular chamber;
• Rav , resistance of the aortic valve;
• Rc , resistance of the converging duct between the mitral valve and the
pipe;
• Rv , Lv , resistance and inertance of the ventricular chamber, approximated as a cylinder;
• Rsys , Rsys2 , Csys , resistances and compliance of the circuit simulating
the systemic impedance.
Atrial reservoir

𝑅𝑝

𝑃𝑟

Systemic impedance

Pump system and valve holder

𝑅𝑑

𝑅𝑚𝑣

𝑅𝑒

𝑅𝑖

𝑅𝑣

𝑅𝑎𝑣

𝑅𝑐

𝑅𝑠𝑦𝑠
𝐶𝑠𝑦𝑠

𝐿𝑣

𝑅𝑠𝑦𝑠2

𝑃𝑐ℎ𝑎𝑚𝑏𝑒𝑟

Figure 2.3: Structure of the lumped parameter model used to support the design
of the mechanical actuator.

To perform the calculations, the rheological properties of blood were considered (viscosity µ = 3.4 · 10−3 P as, density ρ = 1060 Kg/m3 ). Pf ree equal
to 7.8 mmHg was determined according to Stevin’s law† , considering a height
† Stevin’s

law states that the pressure at any point within a fluid at rest of density ρ
depends only on the depth (h) of that point: ∆P = ρgh.

94

2.2. Mock circulatory loop design
surface of 10 cm between the free surface of the atrial reservoir and the ventricular chamber. When the valve (mitral and aortic) is open it behaves like a
resistance which shows the following flow dependency:
Rvalve = Kv | Qv |

(2.1)

where Qv is the flow rate through the valve, and the coefficient Kv was set
equal to 0.11 mmHg · min2 /L2 , which represents the least favorable condition [Lanzarone et al., 2009]. The distributed resistances, Rp and Rv , were
determined according to the Hagen-Poiseuille’s law:
R=

128µL
πD4

(2.2)

where L and D are the duct length and diameter, respectively. The inertance
of the ventricular chamber, approximated as a cylinder, was calculated as:
Lv =

ρLv
(dv )2
π
4

(2.3)

where Lv and dv are the length and the diameter of the cylinder approximating
the LV. The resistances of the diverging and converging ducts (i.e. Rd and
Rc ) were determined as the algebraic sum of a dissipative and a conservative
contribution. The conservative contribution was modelled like a resistance,
and was obtained from Bernoulli’s equation expressing the pressure difference
between inlet and outlet, ignoring the hydrostatic contribution and losses, as:
8βρ | Q |
1
1
·
Rcons =
−
4
π2
dout d4in

!

(2.4)

where Q is the flow and β the profile coefficient (equal to 2 considering laminar
flow). The dissipative contribution was obtained by integrating the HagenPoiseuille’s law with a linear diameter variation from an inlet diameter din to
an outlet diameter dout :

95

2. Personalised in vitro Platform: Design and Development

Rdiss =



128µl
−3
· d−3
−
d
out
in
π (din − dout )

(2.5)

The resistances that take into account the pressure losses at the ventricular
chamber’s inflow and outflow (i.e. Re and Ri ) were similarly defined as the
sum of a dissipative and a conservative contribution. The latter was defined
according to Equation 2.4, whereas the dissipative contribution was defined as
a concentrated head loss caused by the sudden change in cross-sectional area:
8kρ | Q |
Rdiss,v = 
2
πd2val

(2.6)

where Q is the flow, dval is the diameter of the valve, mitral or aortic, and k
is a coefficient that depends on the geometry. The parameters of the afterload
circuit (i.e. Rsys , Csys and Rsys2 ) were, at this stage only, taken from literature
[Lanzarone et al., 2009, Alimohammadi et al., 2016] considering the worst case
(higher afterload).
Subsequently, the stroke and diameter required for the piston were chosen
according to the maximum Stroke Volume (SV) desired, which is equivalent
to the maximum volume that the piston is able to move with a single forward
movement of the gasket. The piston chosen for this work has been experimentally evaluated in a previous study [Leopaldi et al., 2012].
The specifications for the ball screw system and motor were obtained as
follows. The total force acting on the piston rod was obtained from:
Frod = Fpiston + Finertia + Ff riction

(2.7)

where Fpiston is the pressure force acting on the piston, Finertia is the inertia
force due to the acceleration of the piston, and Ff riction is the friction force.
The first term is calculated as:
Fpiston = Pchamber A
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where Pchamber is the pressure acting on the ventricular chamber and estimated
from the 0D analogue model, and A the cross sectional area of the chosen
piston. The second force term can be obtained as:
Finertia = mpiston v̇ =

mpiston
Q̇
A

(2.9)

where v̇ is the acceleration of the piston, mpiston its mass, and Q̇ the derivative
in time of the flow rate. The last force term was experimentally evaluated in
Lanzarone et al. [2009] to be 115 N, by measuring the pressure in the cylinder
at which the piston starts to move.
Using the equations above, the required torque τ and rotational speed ω
were obtained from the force acting on the piston rod Frod and from the linear
speed of the piston, vpiston =

Q
A,

respectively:

τ=

Frod pscrew
2πη

(2.10)

vpiston
pscrew

(2.11)

ω̄ =

where pscrew and η are the screw pitch and efficiency, respectively. An efficiency value of 0.9 [Lanzarone et al., 2009] was assumed for the mechanical
transmission. The ball screw system (i.e. pscrew ) was dimensioned based on the
specifications of the motor, as according to Equations 2.10 and 2.11. Lastly,
once the maximum expected torque τ and angular speed ω were obtained,
i.e. for the most demanding operating condition (i.e. highest total force), a
suitable brushless motor was selected with a characteristic curve above the
maximum operating condition requirements. Various support plates and connectors were used to ensure that the pumping system was stable, aligned and
free of vibrations as shown in Figure 2.1.
The pump system is computer controlled and it includes a feedback mechanism on both velocity and position of the piston gasket. Safety procedures
are implemented including over-current limiters, maximum allowed values of
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velocity, and position switch limiters. A mechanical stop button was also implemented as additional safety measure.
2.2.1.2

LV chamber and valve housings

The mechanical actuator is connected to the ventricle unit, comprising a rigid
chamber and two valve housings (i.e. inlet and outlet valves). The unit was
designed to mimic the function of the left ventricle with the help of two one-way
passive mechanical heart valves (a Shiley Monostrut and a Carbocast valve):
when the piston moves backwards, the inlet valve (i.e. mitral valve) opens and
the fluid enters the chamber from the reservoir simulating the ventricle filling
phase (diastole); when the piston moves forward, the inlet valve closes, the
outlet valve opens (i.e. aortic valve) and the fluid is ejected into the aortic
phantom, simulating the systolic phase. Figure 2.4 shows the design of the
system, which includes three components (i.e. main chamber and two valve
holders).
LV chamber

Valve holder 1
Valve holder 2

Figure 2.4: CAD design of the ventricular unit, including the ventricular chamber
and the two valve holders. The mechanical valve shown as example is the Shiley
Monostrut valve.

The volume of the chamber was designed so that in can host enough
volume of fluid to reproduce physiological LV ejection volume values. Additional luer lock ports were added to the chamber to de-gas the circuit during
the filling phase (i.e. experiment preparation) and to provide an atmospheric
pressure point during the emptying phase.
Two valve holders were designed to handle the two mechanical valves,
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and allow the user to detach the holders from the chamber to change the
valves when needed. In particular, the holders were designed to comply with
the following requirements: (i) mechanical stability of the components, (ii)
lack of fluid leaks both in the connection between the valve holder and the
ventricular chamber, and around the valve itself, (iii) correct functioning of
the mechanical moving parts (i.e. leaflet of the valves) and (iv) minimisation
of the flow disturbance (i.e. minimise abrupt changes in the geometry). Figure
2.5 shows a simplified technical drawing of one valve holder and its mechanical
connection with the ventricular chambers. In order to comply with the above
mentioned requirements, an o-ring is placed around the mechanical valve before
it is placed in the chamber (points i and ii) and a second o-ring is placed in the
connection between the holder and the chamber (point ii). In addition, the
connector was manufactured with a conical shape, both to allow the correct
functioning of the valve (point iii) and minimise flow disturbance (point iv).
Both the chamber and valve holders were manufactured in Polymethyl
methacrylate (i.e. PMMA or Plexiglass). Mechanical and hydraulic sealing
were assured using both acrylic glue and silicone. Leakage in the connection
points between the different components was avoided by interposing o-rings
and exercising pressure with screws.

2.2.2

Afterload impedance simulator

The afterload, or impedance simulator, is a fundamental element of the circuit
that allows the exact desired flow and pressure conditions to be imposed to
the test section. Considering a generic test section, comprising a vessel with
bifurcations, the fluid dynamics of the test section itself is highly influenced
by the pressure at the outlets of the branches. Therefore, in order to obtain
physiological pressures and flows inside the test section, the control and design
of the outlets is extremely important.
In this study, a novel afterload simulator was designed making use of the
3-element Windkessel (3WK ) model, to account for the downstream vascula-

99

2. Personalised in vitro Platform: Design and Development

Section A-A

Area of
contact
between the
valve and the
chamber wall

Area of contact
between the
valve and the
valve holder

O-ring around
the valve
guarantees
stability and
sealing

Conical
shape
Screw
connection

O-ring between
the two
components

Figure 2.5: Simplified technical drawing of section AA showing one valve holder
and its connection with the ventricular chamber. In light blue is shown schematically
a mechanical valve.

ture in vitro. The choice of using a 3 element circuit in order to reproduce the
afterload is supported by the work of Sharp and Dharmalingham [1999], who
compared various lumped parameters models (i.e. RC, RCR and RLCR) in
order to find the one with the best compromise between accuracy and complexity of the system. The controllability of its parameters, ease of manufacturing
and low encumbrance were considered as main requirements.
Figure 2.6 shows the configuration of the impedance simulator, composed
of five main elements: namely, the characteristic resistance (B), the main air
chamber (C), the peripheral resistance (D) and the two additional air chambers
(G and F). The fluid flows from the characteristic resistance, through the main
air chamber and finally into the peripheral resistance. Figure 2.6 shows the
3WK as an electrical analogue. The flow (Q) and the pressure (P ) over this
element are related by
P = (R1 + R2 )Q − R2 C
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(a)

Q

P

R1

(b)

R2

C
(c)

Figure 2.6: (a) Configuration of the designed impedance simulator. (A) and (E)
conical connectors, (B) characteristic resistance, (C) main air chamber, (D) peripheral resistance, (G) and (F) additional air chambers. The blue arrows indicate the
direction of flow; (b) CAD model of the same configuration; (c) electrical analogue
of the 3-element Windkessel model.

where R1 and R2 represent the proximal and distal resistances, respectively,
and C is the compliance of the distal vasculature.
Hydraulic resistances
Besides the overall previously-mentioned requirements, for controllability purposes, the hydraulic resistances should also be designed so that a linear relationship between Q and ∆P is achieved. Analytical calculations were employed
to aid the design before manufacturing. Two design options were investigated
to generate the required resistances: (i) bundles of parallel tubings, and (ii)
generic porous material. A cylindrical geometry was considered in both cases.
Parallel tubings have commonly been employed in the literature to reproduce the resistance in Windkessel in vitro models [Leopaldi et al., 2012, Kung
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and Taylor, 2011], and hence considered first. Permeability (k) and resistance
(R) parameters can be readily estimated combining Darcy’s and Poiseuille’s
equations:
n πd4
k= 2
πr 128
R=

µL
∆P
=
Q
kπr2

(2.13)

(2.14)

where n is the number of tubings considered.
To facilitate patient-specific adjustment of resistance values experimentally and simplify the manufacturing process, a porous material generated
resistance approach was also investigated. 3D printing was explored to manufacture the porous material with a geometry whose permeability can be varied
and characterised analytically allowing the resistance to be computed using
Darcy’s equation.
Considering the need to minimise encumbrance and allow 3D printing the
geometry, a range of values for each parameter were defined (e.g. minimum
dimension that can be 3D printed, maximum dimension of the whole material).
A computer routine was developed in Matlab (Figure 2.7) to evaluate the
performance of the two approaches by generating all possible combinations of
parameters to achieve a target range of resistance values and selecting the ones
that allow both the minimum and maximum resistance values to be reached
by varying only one variable at a time. The minimum and maximum target
values were selected based on reported values from the literature and were set
to 0.098 mmHg s/ml and 1.510 mmHg s/ml for the characteristic resistance and
to 1.665 mmHg s/ml and 14.59 mmHg s/ml for the peripheral one, respectively.
The total length of the resistance was chosen as the variable to be adjusted
to modify the values because, among all the parameters, it was the easiest to
control experimentally.
The process described in Figure 2.7 was applied to both resistance-
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Figure 2.7: Schematics of the function developed to find the combinations of
parameters that allow to reach both the minimum and maximum target values of
resistance varying only one selected variable (i.e. length of the porous material).

emulating approaches considered and the relationship between resistance R
and total length L was derived. The generic porous material option was
found to reproduce both the characteristic and peripheral resistances in the
impedance simulator and hence implemented. Two different geometries were
designed and 3D printed for the two resistances in the physical Windkessel
model. A modular design approach was followed whereby several units were
3D printed via Selective Laser Sintering (SLS) to be assembled to the desired
length (Figure 2.8) for a given resistance value.
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Variation of Ltot of the porous material

>R

<R

n1 n2 n3

Figure 2.8: Schematic illustrating the process used to tune resistance values by
varying the total length of the porous material. The length is directly proportional
to the resistance and its value is controlled through the number of 3D printed porous
units assembled together.

Compliance
To simulate the compliance, different design options were considered (i.e.
closed air chamber with a spring to regulate the volume, closed air chamber and open air chamber) (Figure 2.9). Considering the pressures involved
in the system, the open air chamber was excluded to minimise encumbrance.
Between the two remaining options, the most suitable solution was to use a
closed air chamber (Figure 2.9b) with a known volume of air inside. The
solution is easily controllable compared to the use of a spring (Figure 2.9a)
and allows higher values of pressure to be reached compared to the open air
chamber (Figure 2.9c).
The initial volume of air V0 is pressurised with an initial pressure P0 .
In the time interval required for the compliance to reach the steady state
condition, the volume of fluid in the chamber increases until the operating
pressure (Pe ), that corresponds to the operating volume Ve , is reached. From
this moment, a continuous oscillation of the fluid free surface is observed,
due to the cyclic compression and expansion or air. According to Lanzarone
et al. [2009], this process can be considered as a series of thermodynamic
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Figure 2.9: Different options to recreate the compliance: (a) closed air chamber
with spring, (b) closed air chamber and (c) open air chamber.

processes: an isothermal process followed by an adiabatic one. The first phase,
which describes the slow filling phase of the chamber until Ve and Pe are
reached, is represented by the isothermal process (i.e. Pe Ve = P0 V0 ), where the
unknown variable of interest is the volume of air initially present in the chamber
(V0 ). The second phase, when oscillations around the operating pressure are
observed, is approximated as an adiabatic process (i.e. P V k = Pe Vek ). P and
V indicate generic values of pressure and volume in the working range under
consideration and k is the gas constant, which for bi-atomic ideal gas is equal
to 1.4. The generic volume V is then obtained as:
1

1

V = Pek Ve P − k

(2.15)

Knowing that:
C=

dVgas
dV
=−
dP
dPgas

(2.16)

differentiation was performed in order to find the expression for the compliance
of the system under consideration:
1
k

C = −Pe Ve



1
1
− P − k −1
k
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where
Ve =

P0
V0
Pe

(2.18)

Substituting Equation 2.18 into Equation 2.17 and re-arranging terms the
following expression was obtained:
C=

1−k
k

Pe
P

1+k
k

P0 V0

1
k

(2.19)

The initial volume of air, to be used to control the value of compliance, was
finally obtained:
V0 =

CkP

1+k
k

1−k
k

Pe

(2.20)

P0

Table 2.1 lists the values of pressure used to dimension the system, considering a target pressure that oscillates between a minimum of 70 mmHg to a
maximum of 180 mmHg.
Table 2.1: Pressure values considered to dimension the compliance.

Pressure

Value

Unit

P0

760

mmHg

Pe

865

mmHg

P

940

mmHg

A computer routine was developed in Matlab (MathWorks, USA) to calculate
the minimum and maximum initial air volumes corresponding, respectively,
to the minimum and maximum values of compliance of the considered range.
To reproduce the range of interest, the compliance unit consisted of three
connected air chambers. The main central one, dimensioned with the minimum
air volume needed, and the other two dimensioned so that the sum of the three
volumes reproduces the maximum value of compliance. The compliance can
therefore be adjusted by varying the total initial air volume in the chambers;
this was done by partially filling the auxiliary chambers with water.
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Impedance simulator design
The impedance simulator was entirely manufactured in PMMA through laser
cutting and milling. The system comprises different separate units assembled
together through flange connectors (o-rings and screws), designed so that the
system could be easily cleaned, modified and so that the resistances modules
(i.e. 3D printed porous material) can be easily adjusted. Figure 2.10 shows
the exploded CAD view of the system.
Auxiliary compliance chambers

O-ring for
hydraulic
sealing

Mechanical
connector

Main compliance chamber

Resistance holder

Figure 2.10: Exploded CAD design of the impedance simulator. The figure shows
all the separate modules that form the system.

2.3

Personalisation procedure

In order to deliver patient-specific, physiological flows the mock circulatory loop
components described above were coupled with mathematical models and computer routines to calibrate the input parameters for a given vascular pathology
and patient under investigation. This process was termed model personalisation and makes use of available clinical data from the patient. In this section
the clinical dataset necessary to calibrate the parameters is described, and details regarding the personalisation methodologies developed for both the pump
system and the Windkessel models are presented.
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2.3.1

Required clinical dataset

The experimental platform was developed on the basis of non-invasive, routinely acquired clinical data to be used to inform key input parameters in order to emulate vascular pathologies and create patient-specific haemodynamic
flows.
The clinical data typically required to achieve this are as follows. First,
volumetric medical images are required in order to reconstruct the vessel geometry and create realistic phantoms of the area of interest; these images can be
acquired through CT or MRI. Information regarding the inflow conditions into
the aorta can be obtained from 2D or 4D PC MRI or, when unavailable, from
Doppler Ultrasound, in order to calculate the Cardiac Output (CO) and heart
frequency, and subsequently generate a patient-specific flow wave starting from
a typical aortic one. Lastly, two types of information are required in order to
calibrate the outflow boundary conditions (i.e. physical Windkessel models)
in this work: (i) the brachiocephalic pressure that can be used to obtain the
target systolic and diastolic pressure values using the procedure described in
Saouti et al. [2012], and (ii) the available flow rate waves from 2D or 4D PC
MRI acquired at different locations, which together with literature data, can
be used to inform the CO distribution in the vessels of interest.
Finally, when the elasticity of the vessel is also taken into account, in vivo
information of the vessel-area variation is also required (e.g. from 2D-cineMRI).

2.3.2

Personalised flow wave generator

A mathematical routine to create the analytical waveform that reproduces the
desired aortic flow rate was developed (Figure 2.11).
The first part, in vivo parameter extraction, is aimed at obtaining the
systolic time (Ts ), the cycle duration (Tc ) and the value of the systolic peak
flow (Qpeak ) from the in vivo flow wave. These parameters are used as inputs
to the second part, the mathematical flow generator that creates a systolic
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A

In vivo parameters
extraction

In vivo patient
specific flow wave
Features extraction
Ts, Tc, Qpeak
Create
systolic
waveform

B Mathematical flow wave generator
Create
diastolic
waveform

SV

SV = Vd?

yes

Create the full
cardiac cycle
waveform

no

Update
C

Calculate piston v,a,s

Driver code
and input
parameters

Displacement curve
for the driver code

Input data
for the driver

Figure 2.11: Flow chart illustrating the procedure followed to translate clinical
flow rate data into the correct movement of the piston to reproduce the desired flow
waveform. It comprises three phases: (a) extraction of the parameters of interest
from the available clinical data (Ts, systolic duration; Tc, cycle duration; Qpeak,
systolic peak flow); (b) generation of the mathematical equations to reproduce the
cardiac cycle (SV, stroke volume; Vd, diastolic volume); and (c) translation to the
motor driver’s code and calculation of the parameters to be used as input to the
driver.

waveform formula for a physiological and a simplified case, respectively. A
simplified waveform is described by
Qs = Qpeak

πt
sin
Ts







(2.21)

whereas for a physiological waveform the analytical expression introduced by
Swanson and Clark [1977] is used:

Qs = Qpeak

2πt
3πt
πt
+ C2 · sin
+ C3 · sin
C1 · sin
Ts
Ts
Ts
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where the coefficients C1 , C2 and C3 are equal to 0.924, 0.23 and 0.092, respectively. Further adjustments were performed to better match the slope of
the target flow wave by changing the number of terms of the Fourier transform
and the values of the coefficients Ci (Equation 2.22). Once the correct systolic waveform has been generated in the time interval 0 < t < T s, the stroke
volume is calculated through mathematical integration and the diastolic wave
is subsequently created. If only the systolic phase is of interest, a simplified
trapezium waveform can be used to minimise flow acceleration whereas for a
physiological flow the analytical form proposed by Talukder and Reul [1978]
can be used:
"

Qd = −Qpeak

πt
2πt
3πt
0.52 · sin
+ 0.257 · sin
+ 0.479 · sin
Td
Td
Td
!

!

!#

(2.23)

In both cases, the curve generated attempts to reproduce the diastolic phase
with a smooth transition from the systolic one (i.e. same derivative) and is
cyclically optimised so that the diastolic volume (i.e. integral of the diastolic waveform) matches the stroke volume previously calculated. Once this
condition is verified, the full cardiac cycle curve is generated.
The third and last step in the personalisation procedure of Figure 2.11,
driver code and input parameter generator, serves as the interface between
the obtained analytical curve and the code to be provided to the driver in
order to produce the correct motion of the piston. Velocity, acceleration and
displacement are calculated from the flow waveform generated in the previous
step considering the bore of the piston. The maximum and minimum values
of these parameters and the normalised displacement curve are extracted to
be used as input to the driver.

2.3.3

Windkessel model parameter calibration

A physical Windkessel model is used in each outlet of the vessel phantom under
investigation (e.g. four for an aortic phantom) and its parameters R1 ,R2 and C
need to be individually defined. A tuning procedure developed in our previous
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work [Bonfanti et al., 2019] to calibrate the Windkessel boundary conditions
for a patient-specific CFD model of a diseased aorta was modified and coupled
with the physical models as illustrated in Figure 2.12. The goal of the tuning
procedure was to obtain the target systolic (Psys ) and diastolic (Pdia ) pressures,
and the correct cardiac output distribution, set using available PC MRI data
and literature data, at the outlets of the test section.
The process starts with extracting the geometry from clinical images (Step
1). The 3D CAD model of the patient vessel can be then divided into several
segments, and each one can be modelled as a 0D circuit comprising one resistance (R) and one inductance (L) in order to account for the inertial and
viscous effects. L is estimated as:
L=

ρl
πr4

(2.24)

where r is the vessel radius, l is the segment length and ρ is the blood density.
The resistance R is calculated by taking into account both the geometry of
the vessel and the geometry of the output connectors (i.e. conical connectors).
The first contribution is calculated as:
Rpart1 =

8µl
πr4

(2.25)

where r is the vessel radius, l is the segment length and µ is the blood density.
In order to estimate the second contribution, the minor losses for each outlet
connector have to be calculated as follows:
hl =

kl v 2
2g

(2.26)

where v is the mean velocity, calculated as Q/A, and kl is the minor losses
coefficient defined as a value dependent on the angle and on the diameters’
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Figure 2.12: Flow chart of the 5-step tuning procedure adopted in order to obtain
the parameters of the Windkessel models.

ratio. The corresponding pressure drop is obtained through:
∆P = hl ρg

(2.27)

Finally, the second contribution of the resistance is obtained as the ratio be-
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tween the pressure drop and the mean flow rate for each outlet.
In step 2 of the tuning procedure, a three-element 0D analogue (i.e.
Rsys,1 , Csys , Rsys,2 ) of the vascular system of interest is used to determine to
total compliance of the system Csys . The model is informed using the flow
rate wave as an input and the three parameters are varied iteratively until the
target pressure values are obtained.
A second 0D model reproducing the vascular system of interest is then
used to tune R1 , C and R2 for each Windkessel model (Step 3). The vessel
of interest is represented through 0D segments of resistance and inertances,
previously calculated in Step 1. The resistances and inertances due to hydraulic
connectors and tubing present in the experimental setup are also taken into
account.
The compliance of every branch Ci is calculated by distributing the total
compliance of the system (Csys ) among each 3W Ki proportionally to the mean
flow of the correspondent branch ( Qi ). The ratio

R1
Rtot (where

Rtot = R1 + R2 )

i is calculated as the ratio between
is set equal to 5.6 [Bonfanti et al., 2017]. Rtot

Pi and Qi , where Pi is the mean pressure at the inlet of 3W Ki obtained with
i is adjusted until the target flow distribution among the
the 0D model. Rtot

outlets is reached.
An additional stage (Step 4) is required when the phantom to be used in
the in vitro experiments accounts for the vessel compliance. As described in
Bonfanti et al. [2017], in this scenario, a multi-scale model of the 3D geometry
and 0D peripheral circulation is needed. The parameters of the Windkessel
models are then retuned considering that the compliance of the vessel has to
be subtracted from Csys .
Once the values of the parameters of the Windkessel models are obtained,
a Matlab routine was used to translate the resistance and compliance values
into information for the physical models (Step 5). The initial volume of air to
be used in the different compliance chambers is calculated from the compliance
values and the number of 3D printed units to be used for each resistance is
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computed according to the total length needed for the porous material.

2.4

Data acquisition and control system:
software and hardware

Kollmorgen software

Computer

Labiew software

AKD driver

NI compactRIO 9040
RS485 10-pin RJ50

AKM motor

Converter to 9-pin
male DB-9 and
breakout connector

Pulsatile pump system
movement

BNC

8 channel TTL I/O

Pressure
acquisition box

PIV laser trigger

Interface

Flow sensor probe

Pressure sensors

Figure 2.13: Schematic of the acquisition system hardware and software.

Alongside the physical components – pump system and afterload simulator
– a data acquisition and control system was developed to handle the I/O
signals of the experimental mock circulatory loop. The system was designed
to allow the acquisition of flow rate and pressure data at different locations,
and control the motion of the pulsatile pump. Figure 2.13 shows a schematic
of the acquisition system, which can be subdivided into (i) motion control, (ii)
flow rate measurements and (iii) pressure measurements. Motion control is
handled through the Kollmorgen software using the AKD driver (Kollmorgen,
USA) while the other sub-systems are interfaced via a custom made Labview
virtual instrument using a CompactRIO controller (cRIO-9040, 1.3 GHz DualCore, 70T, FPGA, RT, 4-Slot) (National Instruments, USA) and signals are
acquired at 200 Hz.

2.4.1

Motion control

Position mode is employed with a lead screw mechanics type and a reference
homing position (i.e. position = 0) is used. Pressure, velocity and acceleration
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points are used as input, obtained from the pump system personalisation procedure previously described, and reproduced cyclically to simulate the cardiac
function. Feedback control is continuously performed to ensure the correct
movement of the system.

2.4.2

Flow rate measurements

A clamp-on ultrasound flow meter (Sonotec, Halle, Germany) was employed to
acquire the flow rate in the in vitro system, with the following characteristics:
(i) ability to acquire pulsatile flow, (ii) absence of elements inside the tubings
and (iii) possibility to move the sensor to different locations (according to the
configuration of the experimental platform). The sensor probe was interfaced
via MODBUS protocol with the Labview vi with the cRIO RS485 10-pin port,
using the parameters listed in Table 2.2. Following the manufacturer datasheet
and the standard MODBUS protocol, flow rate data was accessed in ml/min
and read as an integer with the holding register.
Table 2.2: Modbus communication parameters.

2.4.3

Parameter

Value

Baud rate

115200

Parity

Even

Data

8 data bits

Data

1 stop bit

Flow control

None

Device address

1

Operation

Half duplex mode

Pressure measurements

A pressure acquisition system was developed using four sensors (Omega Engineering, UK) able to capture the fast dynamics of the signal. An electronic
circuit was first designed to interface the sensors probes with the BNC ports of
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the cRIO module (+/-10 V, 16-Bit, 4-Ch AI Module), including a protection
system to avoid the damage of the sensors because of a spike in the voltage.
The components were designed to provide about 8V to the sensors, using a
15 V power source and limiting the current to 5 mA. Power source and BNC
connections were then added as well as a physical hydraulic interface for each
sensor. All the circuits and sensors were enclosed in a leakage proof box, herein
referred to as ‘acquisition box’.
The voltage signals acquired from the pressure transducers were converted into
mmHg through an experimentally-built calibration curve. Calibration is performed for all the sensors every time before performing an experiment. At the
beginning of every acquisition, pressures are obtained and saved before starting
the pump system, in order to evaluate the ‘offset pressure’ due to the physical configuration of the system. Two hydraulic interfaces were developed: the
first allows pressure acquisitions at in-line ports placed in between tubings, the
second interface allows the insertion of a probe for intra-vessel measurements
in order to acquire the pressure inside the lumen of a physical phantom.

2.5

Functional assessment

The overall mechanical and hydraulic behaviour was assessed by running tests
with the setup shown in Figure 2.14. Flow rate and pressure data were acquired at the locations highlighted in the figure. A smoothing spline method
was performed on the pressure curves (smoothing parameter p = 0.9999) to
attenuate high frequencies.
First, the volumetric behaviour of the pump system, i.e. its ability to
provide the desired flow regardless of the afterload or the imposed speed, was
tested by performing experiments using the configuration shown in Figure 2.14.
A first test was performed without any afterload, imposing the same SV at
different pulse frequencies (f ) (i.e. 50, 60 and 70 bpm) and measuring the
flow rate downstream of the aortic valve. In a second test, the behaviour of
the system was tested at different pulse frequencies by gradually increasing
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Afterload

Qmitral
Pmitral
Pump system

MV

Qaorta

Pchamber

AV

Paorta

Figure 2.14: Schematic of the experimental setup used for the functional assessment, including the pump system, one Windkessel model and one reservoir. The
blue and red dots represent, respectively, the locations where flow rate and pressure
data acquisitions were performed. AV, aortic valve; MV, mitral valve.

the resistance imposed using a haemostatic clamp. Flow rate curves acquired
with different afterloads were compared both downstream of the aortic valve
and upstream of the mitral valve. The passive action of the one-way valves
was analysed and the behaviour of the aortic valve was further evaluated by
calculating the regurgitation (AVRG) and the diastolic backward flow of the
aortic valve (AVBF) according to Equations 2.28 and 2.29.
AV RG =

Z t2

AV BF [%] =

Q(t) dt

(2.28)

AV RG
100
SV

(2.29)

t1

where t1 and t2 are the beginning and end time points of diastole, respectively.
Experimental tests were performed to verify the efficiency of both the
protocol to create a displacement curve from in vivo data, and the mechanical
system movement. An exemplar target in vivo aortic inlet flow rate [Bonfanti
et al., 2017] was compared to the analytical curve constructed by the computer
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algorithm both in terms of shape and SV to verify the adaptability of the routine. The corresponding experimental flow rate acquired with the flow meter
was also compared to the target one. Then, the reliability of the mechanical
actuator was verified by comparing the target velocity and displacement curves
imposed to the driver to the ones obtained by the feedback of the motor, at
40, 60 and 70 bpm.
The behaviour of the Windkessel model, and its controllability, was also
analysed. Experiments were performed both by varying the inlet conditions
(f , 40-70 bpm; CO, 2-5 l/min) and the values of the parameters of the device (resistances, between 0.03-10.6 mmHg s/ml; compliance between 0.07- 1
ml/mmHg) and observing the consequences on the pressure curve acquired
upstream of the afterload model. Results were compared to the ones observed
in a lumped parameter model replicating the experimental conditions.

2.6

Results and discussion

2.6.1

Pulsatile pump system and flow generation

Rotational motor
Ball screw system

Piston

Left ventricle
chamber

Figure 2.15: Picture of the pulsatile pump system, showing the rotational motor,
ballscrew system, piston and LV chamber. The components are all finely aligned
and mounted on an aluminium support plate.

The assembled pump system is shown in Figure 2.15. The results obtained
through the design calculations were in accordance with the ones reported
in Lanzarone et al. [2009]. Considering an inlet Q=20 l/min, the obtained
pressure in the ventricular chamber was 250 mmHg (33330 Pa) and the force
acting on the piston (A = 50 mm) was estimated to be 65.41 N. Including
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the inertia and friction forces, the total estimated force was 183 N. Finally,
increasing the pump system demand and considering an inlet Q=30 l/min,
yielded a total force of 202 N. In order to calculate the torque required by the
motor, a force of 200 N was therefore considered and a screw pitch of 12.7 mm
was chosen. Lastly, according to Equations 2.10 and 2.11, a torque τ =0.5 Nm
and a rotational speed ω=1420 rpm were found.
Conic connectors

Mechanical valves

Tilting disk mechanical valves
øout = 27 mm
øin = 25 mm

Figure 2.16: Ventricle mimicking chamber with the two passive heart valves. The
Carbocast valve is shown as example.

Figure 2.16 shows the ventricle mimicking chamber with the two passive
heart valves. The system is able to reproduce a wide range of physiological and
pathological SV. To accurately calculate the CO and guarantee agreement with
the analytical calculations, the piston volume was experimentally evaluated
and corrected due to a mismatch with the expected value. Because of the
irregular geometry of the piston rod, the inner volume could not be accurately
calculated assuming a cylindrical shape.
A series of experiments was conducted to evaluate the performance of
the pulsatile pump system. Target displacement and velocity curves obtained
by the mathematical flow wave generator were successfully compared to the
mechanical actuator’s feedback and a maximum error of 3.2% was obtained at
70 bpm in the displacement peak value because of the inertia of the physical
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system (Appendix A). No difference was found in the pulse frequency value for
the tested range. At different pulse frequencies, a negligible error (0.78%) was
found between the minimum and maximum SV calculated from the curves,
demonstrating the volumetric behaviour of the system. Moreover, a very good
overlap was found between the flow rate waves acquired in the absence and
presence of an afterload, both upstream the mitral valve and downstream of the
aortic valve (Appendix A). The passive behaviour of the valves was tested and
no signs of wear or misalignment were found when inspected. As expected, the
AVBF value increased proportionally to the CO and to the diastole duration.
It was calculated as percentage of SV as about 1.5% for the static (SBF) and
5% for the dynamic one (DBF) at 70 bpm and CO = 4 l/min.
The personalised flow generator algorithm, coupled with the pump system, was found to be able to successfully identify the correct diastolic equation
to reproduce the same systolic SV, and to calculate the analytical cycle equation. The computer routine was tested in the range 40-80 bpm and 1-6 L/min.
Figure 2.17 illustrates how the in vivo data is converted into piston displacement. Figure 2.17a shows an example of an analytical curve created, with a
physiological systole, and a diastole represented with a trapezium curve. Figure 2.17b shows an example of piston displacement, velocity and acceleration
curves with the parameters calculated to be used as input to the driver.
A comparison between a target flow rate and three different analytical
curves obtained through the computer routine is shown in Figure 2.18a. The
first analytical curve (Analytical 1) was reproduced with the simplified function. To achieve a closer match between the generated and target curves, the
equation for the systolic waveform was modified, increasing the number of
terms of the Fourier transform (Equation 2.22), creating the analytical curves
2 and 3. These better reproduce the target systolic flow wave demonstrating
the adaptability of the flow generator routine. A smooth slope transition between the systolic and diastolic phase can also be noted in the figure. It can
be noted that in this case the best match is not reached with the commonly
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(a)

(b)

Figure 2.17: (a) analytical curve of a full cardiac cycle with a physiological systole
and trapezium diastolic waveform; (b) examples of piston displacement (blue), velocity (orange) and acceleration (black) curves, calculated from the analitycal flow
rate, and extraction of the parameters to be used as input to the driver (max S,
maximum displacement; max V, maximum velocity; akd V, velocity adapted for
the driver; min V, minimum velocity; max A, maximum acceleration and min A,
minimum acceleration).

adopted physiological expression (Analytical 2, Equation 2.22), demonstrating
that in order to reproduce patient-specific conditions further adjustments have
to be made (i.e. number of terms of the Fourier transform and values of the
coefficients Ci of Equation 2.22). Furthermore, unlike other pump systems
described in the literature that employ a fixed relation between the duration
of the systole and the total cycle, the developed flow curve generator adapts
not only to the desired pulse frequency, SV and CO, but also to different input
duration ratios, increasing the personalisation of the output curve.
It should be noted that while the systolic phase is closely matched, the
diastolic phase (grey area in Figure 2.18) is here approximated with a trapezoid
calculated only to reproduce the correct SV and to allow the piston to return
to its initial position. The negative flow rate values observed in the figure in
this phase do not represent a back flow through the aortic valve, but an inflow
from the mitral valve, allowing the filling phase of the simulated ventricle.
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Figure 2.18: (a) Comparison between an example of target in vivo flow curve and
three analytical curves obtained with the mathematical flow generator. The systolic
phase is reconstructed with the simplified shape (Analytical curve 1) and with two
different equations aimed at better capturing the systolic shape (Analytical curve 2
and 3). The diastolic phase (grey area) is not a target and is approximated with a
trapezium curve. (b) Comparison between an analytical curve and the corresponding
experimental one.

The physiological shape of the resulting experimental flow rate curve is indeed
achieved thanks to the passive action of the two one-way valves. Figure 2.18b
shows a comparison between the analytical flow rate curve calculated by the
algorithm and the corresponding one acquired in vitro. It can be noted that
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during the diastolic phase the closure of the aortic valve enables the piston
to return to its initial position while obtaining a physiological small back flow
in the aorta. The higher difference in the SV values between the target flow
rate curve and the acquired one increases proportionally with the CO and is
mainly due to the AVBF (about 6% at 70bpm and CO=4 l/min).
Similarly to most piston-based pulsatile pumps, the employment of passive valves does not allow continuous positive flow output because the piston
has to move backwards at the end of each stroke. This limitation could be
circumvented by implementing automatic computer control of the valves in
relation to the piston position.
The fine personalisation of the systolic phase of the inlet flow rate curve
(acceleration of the systolic phase, SV, peak flow etc) represents a significant
advancement of in vitro flow generators, essential to reproduce patient-specific
conditions, as demonstrated by the use of personalised curves as inlet conditions of in silico models.

2.6.2

Afterload Windkessel models
Luer connector
Auxiliary
compliance chamber

C2

C3

R1

C1

R2
3D printed
modules

Figure 2.19: Picture of the designed physical Windkessel model including two
resistances, R1 and R2, and three compliance chambers, C1, C2 and C3 (left) and
of three 3D printed porous models used to generate resistance (right). In the picture
the working principle of assembling several modules together to reach the desired
total length is also illustrated.

The final design of the Windkessel simulator is shown in Figure 2.19. The sim-
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ulator is reasonably compact measuring 310 mm (length) x 134 mm (height)
x 66 mm (width). Leak proof operation was ensured by testing the components under air pressure of up to 300 mmHg. The luer connectors added to
the compliance chambers were successfully able to (i) connect the chambers
between them to regulate the value of compliance and (ii) allow the filling and
emptying phases. The modular 3D porous units used to control the resistance
values R1 and R2 by varying the total material length can also be seen in the
figure. This novel approach was found not only to be very efficient in changing the resistance values but also highly versatile as various geometries can be
designed and 3D printed to emulate resistances in different target areas of the
human circulation.
Considering the minimum and maximum resistance target values, and
varying only the total length of the porous material, different combinations of
parameters were found.
After the calibration procedure, fine parameter adjustment was performed
to compensate for the resistances and inductances caused by the physical components of the system (i.e. hose connectors, tubings).
The behaviour of the Windkessel model, and its controllability was successfully evaluated comparing the results with 0D-lumped parameter simulations. As an example, Figure 2.20 shows the comparison between experimental
and computational pressures acquired with the same flow rate varying the compliance of the system. In Figure 2.20a it is shown the 0D model reproducing
the employed experimental setup (illustrated in Figure 2.14). The imposed
inlet flow rate, obtained from experimental data, and the obtained numerical
pressure curves as a function of the increase of compliance, are represented
in Figure 2.20b. These same numerically obtained pressure curves are then
compared to the experimentally-derived ones in Figure 2.20c for three values
of compliance. The curves compare well and demonstrate that the 3WK is
able to reproduce the desired haemodynamic conditions.
The developed physical Windkessel model addresses some of the limita-
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tions of previously reported systems (based on 2-element Windkessel models)
by simulating also the characteristic impedance of the proximal aorta that allows, in particular, to capture the behaviour at high frequencies. Moreover,
the compact design, contained dimensions and ease of controllability of the parameters of the model developed in this work, allow the personalisation of the
in vitro apparatus, overcoming some of the limitations of previously reported
devices. Indeed, several Windkessel models can be manufactured and tuned to
represent different boundary conditions (corresponding to different branches)
of the vessel under investigation. Varying the resistance and compliance values in the analysed range allowed to obtain the target systolic and diastolic
pressure values with a maximum difference of about 5 mmHg.

2.6.3

Physiological behaviour

The overall behaviour of the platform and its ability to reproduce physiological
and pathological conditions of the systemic circulation were tested. The platform was found to be fairly robust and able to reproduce pressure and flow
waveforms of the circulation under different experimental conditions (i.e. f,
SV, afterload). Figure 2.21 shows an example of in vitro aortic and ventricular
pressures, and aortic flow waveforms. The obtained curves were comparable
with the known physiological ones. The oscillations observed in the experimental unfiltered data are due to the mechanical action of the valves and are
present at the beginning of the systolic and diastolic phases. Experimentally,
the difference of the pressure values between the ventricular and the aortic
pressures during systole can be attributed to the pressure drop caused by both
the mechanical valve and the conical connector which is directly proportional
to Q2 . Such difference is indeed minimised at low CO when, indeed, the two
curves present the same shape and values. The additional resistance caused
by the physical connector does not represent a limitation when investigating
the haemodynamics of downstream vessels. However, when the aortic valve
dynamic is of interest, it can be minimised by varying the design or simulating
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(c)
Figure 2.20: (a) 0D model employed to reproduce an experimental condition shown
in Figure 2.14. Rt , tube resistance; Lt , tube inertance; Rc connector resistance;
R1 CR2 , parameters of the 3WK. (b) Inlet flow rate curve obtained experimentally
and imposed in the mathematical model, and computational pressures obtained
varying the compliance C of the 3WK. (c) Comparison between the experimental
and computational pressure curves.

the aortic root.
The controllability of all the parameters of the platform and the ability
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Figure 2.21: Ventricular and aortic pressures, and aortic flow rate acquired in
vitro. The high frequency oscillations in the pressure original data are due to the
mechanical behaviour of the valves and the difference in the systolic pressure values
between the ventricle and the aorta is caused by the aortic valve and connector’s
pressure drop. The curves are comparable with the known typical physiological
behaviour.

to combine different devices according to the test section of interest allows
the reproduction of a wide range of conditions. The obtained experimental
behaviour of the resistances and compliances in relation to the flow rates and
pressures corresponds to the known theoretical one. For instance, when low
resistances and compliances are present, and the inertance is the main observed
effect, the pressure wave follows the derivative of the inlet flow rate curve; an
increase of the resistance values follows an increase of the average pressure
while higher compliances result in a smaller pulse pressure and slower diastolic
pressure decay.
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Depending on the complexity of the test section under investigation (e.g.
vessel geometry and mechanical properties, number of branches considered),
the time required to produce the physical representation from patient-specific
data varies from a minimum of 4 days to about 2-3 weeks.

2.6.4

Acquisition system

Figure 2.22a shows the Labview vi interface developed for flow rate and pressure signals acquisitions. The pressure acquisition box is shown in Figure 2.22b
and includes four pressure sensors with their electronic circuit. The physical
interface to the fluid system is leak proof and allows the connection of luer tubing to the location of interest in the fluid system. The possibility of measuring
intra-aortic pressure using a catheter in the experimental platform (Figure
2.22c) can be of considerable interest for validation studies in the presence
of compliant phantoms, especially in pathologies like AD where intra-luminal
pressure values play a key role.

2.7

Conclusions

In vitro experiments are fundamental in the development of cardiovascular devices, haemodynamic investigations of pathologies, surgical intervention simulation and validation of CFD models. Their reliability and efficacy depends on
the ability to both perform highly controlled tests and reproduce physiological
conditions.
In this chapter, a novel approach for in vitro personalised models of vascular conditions was presented. A mock circulatory loop coupled with mathematical models and computer routines, and informed by in vivo data to reproduce
patient-specific conditions was designed and developed from scratch for the
purpose of this work. The apparatus was able to reproduce physiological flow
rates and pressures under several experimental conditions and the observed
behaviour of the system under different configurations of parameters (resistances, compliances, CO, etc) was in agreement with the known theoretical
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one. The computer algorithms that support the personalisation of the devices
proved to be efficient, both in terms of ease of applicability and quality of
the results; and allowed not only to reproduce physiological conditions but
also to adapt in order to match a the patient-specific one under consideration.
The controllability of the devices and the personalisation approach represent
a significant advancement in experimental mock circulatory loops, bringing in
vitro setups closer to patient-specific in silico simulations, and hence moving
towards personalised medicine.
The platform and experimental methods described in this chapter will be
applied to a case study of a Type-B AD, described in Chapter 5.
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Figure 2.22: (a) Labview-based interface developed for the acquisition system.
(b) Picture of the pressure acquisition box assembled and closed, showing the four
pressure ports on top, which are connected to the circuit through luer ports. (c)
Pressure port for intra-aortic pressure measurements. It allows a catheter to be
inserted during platform operations as well as injection of substances (e.g. contrast
agent).
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Chapter 3
Personalised Vascular
Phantoms
Manufacturing

†

In this chapter, the available materials, manufacturing
technologies and their limitations are firstly introduced.
Different methodologies to manufacture patient-specific
vascular phantoms – AD in particular – are then compared. Stereo lithography 3D printing for hollow vessels
manufacturing is first described. Then, a framework to
create personalised and complex phantoms through lostcore casting with easily accessible and affordable materials
and equipment is presented.
† The

work presented in this chapter was partially published in
‘Low cost fabrication of PVA based personalised vascular phantoms
for in vitro haemodynamic studies: three applications’, ASME JESMDT, (2019) [Annio et al., 2019].

3.1. Introduction

3.1

Introduction

Vascular phantoms have been successfully employed in numerous applications,
ranging from the study of healthy and diseased haemodynamics in regions of
the human cardiovascular system [Botnar et al., 2000], to the assessment of the
accuracy of imaging modalities and computational techniques [van Ooij et al.,
2012], evaluation of medical devices [Carey et al., 1991] and the planning of
surgical interventions [Russ et al., 2015].
Vascular phantoms can be manufactured to be either rigid or compliant,
approximating the elastic properties of the vasculature. The choice of material
often depends on the imaging modality employed for the in vitro study. Magnetic Resonance Imaging and Particle Image Velocimetry (PIV) are imaging
techniques that are used extensively to perform in vitro haemodynamic studies
in order to obtain flow field information in the vascular region of interest.
MRI compatible phantoms are required to be non-magnetic and have been
utilised in studies to allow imaging protocol optimisation [Qin et al., 2013] or
evaluation of different surgical outcomes [Medero et al., 2017]. However, MRI
suffers from low-spatial resolution and PIV measurements are therefore preferred for detailed velocity measurements to validate computational haemodynamics studies [Tango et al., 2018], to investigate complex flow regimes
[Plesniak and Bulusu, 2016] or to evaluate the consequences of medical device
implantation [Bulusu and Plesniak, 2013]. These necessitate the use of optically clear phantoms, manufactured in a material whose Refractive Index (RI)
is matched with the working fluid. Rigid transparent models, manufactured
mainly in resin [de Zélicourt et al., 2005] or glass [van Ooij et al., 2012], have
commonly been employed in PIV studies due to optical access requirements,
whereas compliant models have often been manufactured using a broad range
of opaque materials such as rubber-like compounds [Biglino et al., 2013], latex
[Tyszka et al., 2000] and polyurethane [Tai et al., 2000], which are compatible
with MRI.
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Various phantom manufacturing methods have been reported in the literature. 3D printing technologies have advanced rapidly over the last years and
the range of available materials has expanded considerably. However, their use
can present certain limitations when complex geometries such as Aortic Dissection need to be reproduced and are particularly challenging when optical
transparency for PIV measurements is required.
The most common alternatives reported in the literature are dipping
[Rudenick et al., 2013], dripping [Tanné et al., 2010], and the use of two different moulds, one for the inner and one for the outer part [Cao et al., 2013].
These approaches are invariably fraught with difficulties, especially when the
geometry is complex. For example, dipping and dripping may require a large
quantity of casting material (80-90%) to be discarded, leading to unnecessary
costs [Yazdi et al., 2018], and do not allow control of the phantom wall thickness, which can be essential in in vitro studies with compliant geometries.
To overcome these challenges, lost core casting based techniques have been
employed and soluble moulds made in materials such as wax [Shmueli et al.,
2007], chocolate [Geoghegan et al., 2012] and isomaltose [Allard et al., 2009],
that can be dissolved after the curing of the phantom material have been used.
These moulds can achieve fine detail, but the shrinkage occurring during the
cooling process can lead to inaccuracies in the final model. Moreover, the use
of such materials for lost core casting requires one additional step in the manufacturing process (consisting in the creation of the negative mould for casting
the lost core geometry), which leads to additional time and financial costs, as
well as additional errors.
A comprehensive review of different manufacturing materials and procedures, and their limitations can be found in the work of Yazdi et al. [2018].
It is apparent that despite the number of studies reported in the literature,
manufacturing patient-specific phantoms in the laboratory at accessible cost
and without the need of specialised equipment (e.g. big volume vacuum chambers, water jets) and expertise remains an issue, especially when considering
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complex geometries, large volumes and PIV compatibility requirements.
In this chapter, in order to find the best compromise to manufacture
anatomically correct phantoms for in vitro studies compatible with PIV, 3D
printing and lost core casting techniques are considered and their advantages
and disadvantages are discussed considering the design requirements. Clinical
data from the case study of AD considered in this thesis was used to manufacture patient-specific phantoms to demonstrate the technologies.

3.2

Clinical data and segmentation process

Volumetric medical images (e.g. CT, MRI) are used to reconstruct patientspecific vessels via the segmentation process. Image segmentation is the process
of partitioning a digital image into different regions containing pixels with
similar attributes. It is used to identify and label regions of interest and can
be used to create volumetric reconstructions of different organs and tissues.
For vascular phantoms, thresholding is commonly employed to reconstruct the
lumen volume (i.e. blood volume). It uses the background to foreground
contrast ratio to isolate the region of interest. Manual refinement is lastly
used to adjust the vessel area, especially in the presence of complex anatomies.
Details regarding the segmentation procedure and the mesh refinement can be
found in Bücking et al. [2017].

3.2.1

AD case study

To demonstrate the technologies and manufacture a personalised phantom of
a complex geometry, a case study of a Type-B AD was considered. A patient was imaged with a CT scanner (Siemens AG, Munich, Germany; Field
of View: 284 mm, slice thickness: 1 mm), thus obtaining 946 slices with an in
plane resolution of 0.55 mm and inter-slice distance of 0.7 mm. The geometry
of the aortic model was created (ethical approval study no 788/RADRES/16)
with the software ScanIP (Synopsys, Mountain View, CA, USA) using a semiautomated segmentation tool based on thresholding operations. The DICOM
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Entry
tear

False
lumen

True
lumen

(a)

(b)

(c)

Figure 3.1: Segmentation procedure and geometry extraction of the considered
case study: (a) 3D volumetric reconstruction, (b) aortic domain and (c) resulting
geometry, which includes regular connectors added to inlet and outlets to facilitate
the connection with the experimental system. The picture highlights the FL, TL
and position of the entry tear.

images were imported in the software and an overall 3D reconstruction was
initially performed (Figure 3.1a). The vessel geometry was then isolated, differentiating the true lumen (TL) and false lumen (FL) based on the grey-scale
of the images, and the lumenal volume was dilated to create a wall thickness
of about 2 mm. Smoothing was performed on the resulting domain to reduce
the artefacts due to pixelation (Figure 3.1b).
The dissection originated approximately 40 mm distal to the left subclavian artery, extended throughout the length of the descending aorta and
terminated about 10 mm distal to the coeliac trunk. From CT scans, one
entry tear was located approximately 10 mm distal to the proximal end of the
dissection; no other communication between the TL and FL was evident from
CT data. To reduce the anatomical volume of interest, the abdominal aortic
branches were excluded and the domain was cut below the dissection. Regular
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connectors were added to the inlet and outlets to facilitate the connection with
an in vitro experimental system. Figure 3.1c shows the resulting geometry.

3.3

3D printing

There are several processes related to 3D printing. Each one uses a different technology and is compatible with different materials [Aimar et al., 2019].
The most common additive manufacturing ones are listed in Table 3.1, including their main advantages and disadvantages. These are Stereolithography
(SLA),which involves liquid solidification for the construction of the structure;
Fused Deposition Modelling (FDM), based on a melting of a hard filament
in order to give the desired form to the model, Multijet modelling (MJM),
which uses photo-curable plastic resin or casting wax materials deposited layer
by layer, and Selective Laser Sintering (SLS) which involves powder solidification. The methodologies usually require support material to avoid distortion
while the material is being cured, which affects the model surfaces requiring
additional polishing in order to obtain a smooth finishing. However, mechanically treating the surfaces to decrease the roughness of rigid models poses
challenges in case of complex vascular geometries. In order to reach the inner lumen and closed regions - such as the FL - 3D printing of the model in
different segments can be employed to allow access.
To directly print a rigid AD domain, SLA was chosen because of the high
accuracy and resolution as well as the possibility of printing in a clear material
which would allow optical access. Two phantoms were realised from the same
CAD file. The first was manufactured using a Formlabs2 printer (Formlabs,
USA) in a rigid clear resin. Because of dimension constraints, and to allow
access for inner surface polishing, four separate parts were printed and then
assembled (Figure 3.2). Mechanical polishing was performed to increase the
transparency and reduce the roughness of the surfaces caused by the support
material residuals. A second phantom, manufactured using the same methodology, was purchased from Materialise (Materialise, Belgium). The material
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Figure 3.2: Aortic arch 3D printed using a Formlabs2 SLA printer. The picture
shows both the model and the support material.

used was TuskXC2700T, a transparent plastic material suitable for strong and
water resistant prototypes. Post-production finishing was performed to achieve
the highest possible material transparency.
In the literature, 3D printing has also been employed to create flexible
phantoms, even though most of the 3D printing materials still fail to accurately mimic the human vessel behaviour and complexity. An example is the
development of arterial phantoms using MJM technology and TangoPlus able
to reproduce a range of physiological vessel distensibility∗ [Biglino et al., 2013].
3D printed rubber-like materials are not transparent: lack of optical access limits their use in PIV experiments. Moreover, despite the correct range of values
that can be achieved in terms of distensibility (according to literature values),
reproducing patients-specific vessel behaviour implies accounting for personalised mechanical behaviour and, possibly, mechanical variability within the
phantom as well. These challenges might be overcome by employing custommade 3D printers and materials, whose mechanical and optical properties can
∗ Distensibility

(D) is a metric of the stiffness of blood vessels. It is defined as D =
∆A/A0 ∆P , where A is the vessel cross-sectional area and P is the pressure (∆P = Psys −
P dia). The vessel compliance, related to the Young’s modulus of the vessel wall, can be
then defined as C = DA0 .

138

3.4. Lost core casting
be tuned.
To this aim, research was carried out to quantify the extent that mechanical properties can be varied through material mixing. A custom made 3D
printer† was used and its optically-clear Native Gel Wax (FF1 003, Mindsets
Online, UK) working material was modified by adding different percentages
of materials. First, the native material was heated to liquid state at 200◦ C.
Selected materials (see Appendix B) were then added, the solution was mixed
until visually homogeneous and degassed until air bubbles were absent. The
solution was then poured to form dumbbell shaped samples, designed following the ASTM D412 tensile test norm with a thickness of 3 mm. Uniaxial
tensile tests were performed with the aim of obtaining the force-displacement
curve in order to reconstruct the Young’s modulus E of each material and
analyse the obtained variability of mechanical properties. Three samples of
each combination were created and the obtained E values were averaged. The
percentage increase or decrease of E compared to the started one of pure GelWax was quantified. The effect of the 3D printing process on the Young’s
modulus of the native material GelWax was also quantified by comparing the
values obtained with 3D printed samples against the casted ones.

3.4

Lost core casting

The most common current method for arterial phantom manufacturing is lost
core casting [Yazdi et al., 2018]. In lost core casting, a material can be formed
around a ‘sacrificial’ male mold for a rigid model, or thin walled compliant
phantom. The technology overcomes some of the limitations of direct 3D printing increasing the material choice and allowing the manufacturing of opticallyclear models compatible with PIV experiments.
This section presents a simplified lost core methodology, modified to manufacture idealised and patient-specific vascular phantoms for haemodynamic
† Developed

by D. Nikitichev et al., WEISS centre UCl. The work has not been published

yet.
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Table 3.1: Four of the most common processes related to 3D printing and their advantages and disadvantages.

Clear

Advantages

Flexible

Disadvantages

Yes

Compatible materials

No

No

Technology

Yes

Manufacturing
process

Inexpensive,
easily
accessible, support
material compatible

No

Limited mechanical
resistance, affected
by UV light

Low speed, lower accuracy and dependency on the nozzle
radius

Yes

No

Photopolymer resin

Plastics
mers

High accuracy, low
waste material, different colours

No

Stereolithography
(SLA)

Fused
deposition
modelling (FDM)

Limited material options, support material necessary

Inexpensive, larger
range of material
options

Photopolymerisation

modelling

Plastics
mers

Low speed, lack of
structural properties,
limited size

High resolution and
accuracy, smoother
surface finish, able
to reproduce complex parts, support
material compatible

Material extrusion

Multijet
(MJM)

Powder based materials (metals and polymers)

and

poly-

poly-

Material jetting

Selective Laser Sintering (SLS)

and

Powder bed fusion

140

1a Clinical data and

segmentation process

Clinical
acquisition

2 3D geometry

3 3D printing

3D geometry
modifications
and
adaptations

3D printing
of the
(soluble)
lumen in
PVA

post processing

CT/MR images
segmentation

model
4 Physical
post processing

5

Casting and
dissolving procedure

3.4. Dissolving
Lostof core casting

Casting
process with
a rigid or
flexible
material

Physical
model
surface
treatments

the PVA
lumen in
water

1b Creation of CAD geometry
Creation
ofimaging
the
studiessimplified
andgeometry
applications; fabrication is low cost and does not require
of interest

access to specialist equipment, addressing some of the limitations of previous
works (Section 3.1) and allowing non-specialist laboratories to manufacture
experimental phantoms.
In particular, negative moulds are created through 3D printing in
polyvinyl alcohol (PVA), a water soluble material, to develop both compliant and 1arigid
phantoms
The methodology
2through a3 lost core4 casting process.
5
CT/MR images
Clinical
acquisition

segmentation

3D geometry
3D printing
Physical
with Dissolving of
and associated costs andmodifications
equipment
wasprocess
demonstrated
in Annio
ofrequirements
the
model
the PVA
a rigid or
and
(soluble)
surface
Casting

adaptations

lumen in

flexible
material

treatments

lumen in
water

et al. [2019]
through the fabricationPVAof three aortic phantoms with different
1b
Creation of

the simplified
geometrical
and mechanical properties; these include a simplified aortic arch,
geometry

a patient-specific aortic arch and a patient-specific AD model. In this section,
the process of creating the the latter is described.
1

2

3

4

5

Segmentation

CAD processing

PVA 3D printing

Treatments

Casting

• Segmentation of
DICOM clinical
images
• Creation of FL
and TL lumen
and vessel wall

• Surface smoothing
• Inlet and outlet
modifications for in
vitro compatibility

• 3D printing of the
soluble lumina in
PVA, TL and FL
separately

• Physical model
surface treatments
• Connect TL and FL
through tear

• Casting of
chosen material
• Curing phase
• Dissolving of the
PVA inner mold
in water

Figure 3.3: The proposed PVA based manufacturing process: (1) Acquisition of
patient-specific clinical images of the vessel of interest and segmentation process to
reconstruct the geometry; (2) Post-processing of the 3D geometry; (3) 3D printing of
the vessel lumen in PVA; (4) Physical model refinement; (5) Casting and dissolving
procedure of PVA in water.
DICOM
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3.4.1
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Methodology
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The methodology adopted in this study involves five stages, as illustrated in
Figure 3.3 : (1) Creation of the geometry via segmentation of patient-specific
clinical images; (2) 3D CAD post processing; (3) 3D printing in PVA; (4)
Physical model refinement and treatments; (5) Casting and dissolving of the
PVA inner mold in water.
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3D geometry post processing
The image segmentation process described above yields a 3D model of the target area. A local smoothing approach of the surface is subsequently performed
to compensate for errors resulting from the resolution of the original medical
images and to facilitate the manufacturing of the building components [Bücking et al., 2017]. Moreover, geometrical modifications can be made in this
stage according to the purpose of the vascular phantom. For instance, for use
with in vitro studies, inlet and outlet sections need to be designed to install
the phantom within the experimental system.
3D printing
The CAD model reconstructing the vessel lumen volume is 3D printed in PVA
using a SLA printer. PVA is commonly employed as a support material to
create complex geometries in Polylactic Acid (PLA), which is then dissolved
in water to obtain the object of interest. However, in this work, it is used as
the primary material to create a mould for the casting process (i.e. negative
mould). Attention was paid to the choice of the infill, one of the most important factors for 3D printing (i.e. the structure printed inside the object). A
higher infill will result in a stronger model, which is especially important in
the case of a complex structure, but it will also lead to increased duration of
the PVA dissolving process. To find the best compromise, different simplified
test sections were 3D printed varying the infill parameter (10% - 60%) and the
shell thickness (1 mm - 3 mm).
Physical model refinement
The 3D printed model, constituting the negative mould, undergoes further
post processing before the casting procedure. The surface of the 3D printed
material presents a layering effect, characteristic of the FDM printers, that
can cause unacceptable surface roughness in the final phantom. In order to
make the surface smoother, sanding and coating with liquid PVA glue are used
to provide a good finish to the phantom. A transparent acrylic spray paint
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Figure 3.4: Schematics of the two casting options: (a) enclosing the PVA model in
a box and pour the casting material, which will result in a hollow structure once the
material is dissolved; and (b) including a positive mould to control the wall thickness
of the phantom. This will result in a physical model having the shape of the vessel
of interest.

(PlastiKote, UK or Humbrol, UK) is lastly used to make the contact surface
impermeable and hydrophobic, so as to reduce chemical interactions with the
casting material, which may affect its optical properties.
Casting and dissolving procedure
The final stage in the manufacturing process is the casting. In this phase, the
physical phantom is created around the PVA model of the vessel lumen, which
is then dissolved, resulting in the hollow structure. Two casting options are
available, as illustrated in Figure 3.4: (i) to enclose the model in a rigid box
and pour the casting material to fill the space, which will result in a box with
a hollow structure reproducing the vessel lumen; or (ii) to design an external
mould according to the vessel geometry to control the vessel wall thickness. In
this scenario, the casting material is poured in-between the two, resulting in a
physical phantom having the shape of the vessel of interest.
The casting material can be selected based on the design criteria. For instance, paying particular attention to the mechanical properties (e.g. Young’s
modulus) in case of flexible phantoms or to the optical characteristics (e.g.

143

3. Personalised Vascular Phantoms Manufacturing

Refractive Index, RI) for compatibility with the imaging modalities employed
(e.g. PIV). The curing time is adjusted accordingly, and subsequently the
object is placed in a water bath to let the inner PVA mould dissolve.

3.4.2

Patient-specific AD model

Figure 3.5: 3D printing process using PVA filaments of the TL and FL. The picture
also shows the support material and the used infill geometry.

When considering AD, the tear in the aortic wall, causing the creation
of two separate lumina, poses a major manufacturing challenge. Furthermore,
due to the relatively large dimensions of this geometry, it was considered important to minimise the costs and the processing, by avoiding casting materials
requiring degassing procedures (i.e. eliminate the need for specialised equipment).
The lumen regions of both the TL and FL was 3D printed in PVA using
a SigmaX printer (BCN3D, Spain). To avoid problems during the printing
phase and reduce the support material needed, the TL and FL were printed
separately and connected later in the post processing phase (Figure 3.5).
The physical model was post-processed in three steps. First, several coats
of PVA liquid glue were added on the external surfaces to reduce the roughness due to the different printing layers. Second, the TL and FL were joined
together employing the same dissoluble glue guided by the connecting tear.
Third, a transparent spray acrylic paint was used to make the surface impermeable and hydrophobic. This was also performed to avoid possible absorption
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of the PVA from the casting material.
A custom made box was designed and manufactured in polypropylene to
contain the model and allow the casting process. Particular attention was
made to align the inlet and outlets of the geometry to avoid any misalignment
between the TL and FL. A rigid clear epoxy resin (GlassCast 50, EasyComposites, UK) was selected and used as casting material to minimise associated
costs and bypass the need of degassing. Different layers of up to 50 mm were
poured sequentially to avoid possible exothermic reactions during the curing
process. At the end of the curing phase, the external polypropylene box was
mechanically removed and PVA dissolved in warm water.
The final geometry of the phantom was imaged with a CT scan (O-arm
system Medtronic, USA; pixel size: 194 µm, inter-slice distance: 0.8 mm)
in order to assess its anatomical accuracy. The inner lumen volume was reconstructed with the same semi-automated segmentation tools previously described and quantitative data was extracted. Specifically, the cross-sectional
area of the phantom lumina (i.e. TL and FL) at ten axial planes along the longitudinal direction were measured and compared against the original clinical
images.

3.5
3.5.1

Results
3D printing of rigid AD phantoms

Figure 3.6 shows the two phantoms manufactured using the SLA 3D printing
technique. The first (top) purchased from Materialise and the second (bottom)
3D printed in-house. SLA resulted to be suitable for the creation of the phantoms and no problems arose from assembling the different segments together.
The technology was able to correctly reproduce the complex curvature of the
aortic domain, IF and small tear. However, the quality of the finish and optical
transparency greatly differs between the two materials, even though both are
known as ‘clear and transparent’.
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Figure 3.6: Pictures of the 3D printed rigid AD phantoms, created using SLA
technology. (top) purchased from Materialise and (bottom) printed in house using
a Formlab printer.

3.5.2

Lost core casted AD phantom

Figure 3.7 shows the inner mold of TL and FL 3D printed in PVA for the
casting process. The details of the complex curvature of the lumen for the
pathological aorta reconstructed illustrating the ability of the printer to follow
the intricacy of the structure. After testing qualitatively different combinations of the 3D printing parameters, a 30% infill and 1.5 mm shell thickness
was found to be a good compromise between model strength and ease of dissolution. The post-processing of the 3D printed physical model with PVA
liquid glue was necessary to smoothen the surface and reduce its roughness
due to the layering printing process. The acrylic spray treatment avoided the
interaction between the casting material and the PVA, which would have resulted in opaque/ slightly coloured final cast model. Once cured the dissolving
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Figure 3.7: Picture of the 3D PVA printed negative mould illustrating the complexity of the geometry, which includes the true and false lumen and a small connection
tear in between. Connectors are added to the geometry to facilitate installation in
the experimental rig.

of PVA was facilitated using warm and pressurised water and only the inlets
and outlets of the geometries were used to allow dissolution (no raisers and
runners have been used). Good qualitative similarity was observed between
the geometrical features of the phantom CT-scan and the original clinical images (e.g. TL, FL and intimal flap shape, entry-tear dimension and location).
Quantitatively, a cross-sectional area error of 7.83 ± 4.29% was found between
the phantom geometry and the original stereolithography file. The comparison
demonstrated the ability of the proposed methodology to accurately reproduce
complex anatomical geometries. Table 3.2 summarises the technical properties of the manufactured phantom through lost core casting, including material
costs and necessary equipment.

3.5.3

Mechanical properties of flexible material

Results obtained by modifying the mechanical properties of the native GelWax material are summarised in Appendix B. The Young’s modulus of the
cast native GelWax was found to be 17.58 kPa, in agreement with the value
obtained with compression tests previously reported in Maneas et al. [2018].
Lower values of 8.20 kPa and 10.84 kPa were found for the 3D printed material in both horizontal and vertical printing directions, respectively. Adding
the selected materials successfully modified the mechanical properties by both
lowering and increasing the value, with a maximum increase of 69.46% and
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Table 3.2: Technical specifications and manufacturing features of the lost core
casting manufactured phantom.

Lost core casting parameters
Anatomy type
Patient-specific AD
Material
Rigid
Segmentation software
ScanIP
3D printer
BCN3D Sigmax
Build volume
420 mm x 297 mm x 210 mm
3D printing material
PVA eSun 2.85 mm
3D filament cost
$38 / 500g
Casting material
Epoxy resin
Casting material cost
$89/ 5000 ml
Casting material used
5000 ml
Additional equipment needed
None
PIV compatibility
No
MRI compatibility
Yes
a maximum decrease of -45% (see Appendix B). Compatibility of the stiffest
combination with the printing process was tested with the 3D printer and a
sample was successfully manufactured. Some samples resulted to be ultrasound compatible as well. However, every material added compromised the
optical properties of pure GelWax and the resulting combinations were not
transparent materials.

3.6

Discussion

Directly 3D printing the vessel wall to reproduce rigid vessel phantoms has
several advantages compared to other techniques, including lost core casting.
It enables the geometry to be reproduced with very good accuracy, including
complex curvatures and small details as well as controlling the wall thickness.
However, the requirement for support material and the consequent need for
surface polishing to remove residuals on the inner surface means that it is
necessary to realise the geometry as separate segments. This aspect does not
represent a limitation when a rigid material is employed, as demonstrated by
the phantoms manufactured with SLA, but it is problematic when fabricating
flexible phantoms. Moreover, the relatively limited selection of clear materials
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available limits the applicability of this methodology for PIV applications as
transparent resins have high refractive index and require non-standard working fluid combinations for numerical correction. Between the two 3D printed
phantoms, the first one, purchased from a commercial source, proved to be the
best option in terms of optical access, despite the high RI value.
PVA lost core casting was investigated as an alternative manufacturing
technique which would allow more control over the material employed. By
manufacturing the phantom via casting process, successive layers were poured
due to a specific layer thickness limit imposed to minimise the exothermic
reaction of the resin. Even when considering different materials, degassing
usually has to be performed and the same methodology would be applied [Annio et al., 2019]. This aspect may represent a limitation in specific applications,
due to the layers becoming distinguishable. For instance, in the case of PIV
experiments, the layers used in the casting sequence may pose a challenge in
illuminating different planes in the flow.
The choice of casting material when the final phantom has be to be compatible with PIV is significantly limited by the requirement of transparency.
Silicon is the most frequently used material in the literature (e.g. Sylgard 184)
and proved to be a good choice [Annio et al., 2019] when the geometry has
a small volume (because of the higher cost of the material). However, reproducing the domain of a full patient-specific aorta would lead to a significant
increase in cost. In addition, to reproduce large volumes, since such materials require a degassing procedure after mixing and before casting, a larger
vacuum chamber is typically needed and further complications can arise due
to layering of the material. Because of this, an epoxy resin was used in this
work, which facilitates the process overcoming the degassing procedure, reducing the costs and eliminating the need for access to specialist equipment.
However, although the material appears to be suitable to manufacture rigid
patient-specific phantoms, it is not sufficiently optically clear to be compatible
with PIV.
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The possibility of controlling the mechanical properties of GelWax with
the aim of enabling the 3D printing of flexible phantoms with personalised mechanical properties was successfully proven with the methodology described.
However, the lack of transparency of the solutions tested discards the application of this approach to manufacture PIV-compatible phantoms.

3.7

Conclusions

Manufacturing of physical phantoms to reproduce vessel geometries is essential to perform in vitro haemodynamic studies of the vascular system. Despite
the numerous studies described in the literature regarding different phantoms
and manufacturing modalities, costs and necessary equipment still present a
limitation, especially for laboratories and research groups without extensive
expertise in the field. In this chapter, different methodologies were investigated for the manufacturing of rigid, personalised phantoms with a complex
geometry, considering compatibility with PIV. Direct 3D printing using SLA
(both custom made and purchased by a company), and lost core casting with
PVA were successfully employed to reproduce the anatomical features of a case
study of AD. The described approaches represent cost-effective and highly accessible options to create physical vascular phantoms. However, further work is
necessary to find an equivalent solution to manufacture larger volume patientspecific, and ideally compliant phantoms, with optical properties ideal for PIV
investigations. Moreover, a novel methodology to personalise the mechanical
properties of the native GelWax material to be used in a custom-made printer
was investigated, demonstrating the possibility of manufacturing flexible phantoms with patient-specific distensibility.
Amongst the options, the 3D printed phantom purchased from Materialise
(RI = 1.5-1.51) was chosen to be employed in the in vitro study described in
Chapter 5 due to better optical properties. In the next chapter, the PIV experimental setup and acquisition protocol employed in this work to characterise
AD haemodynamics, are described.
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Chapter 4
Particle Image
Velocimetry:
Experimental Details
In this work, Particle Image Velocimetry is used in order
to characterise the AD haemodynamics in vitro using a
patient-specific phantom. In this chapter, the PIV experimental setup and acquisition protocol are described. The
methods are applied to a rigid hollow cylinder under pulsatile flow, and the results are compared to the Womersley
analytical solution for validation purposes.

4.1. Introduction

4.1

Introduction

Particle Image Velocimetry (PIV) is a non-invasive optical flow measurement
technique based on the quantification of the displacement of small tracer particles due to fluid motion. The technique yields to quantitative visualisations
of instantaneous flow patterns and has been applied in several areas in fluid
mechanics investigations, varying from optimisation of aerospace design to the
analysis of vortex formation in heart valves. PIV enables the understanding
of complex flow phenomena and has been used to support the development of
phenomenological models. Furthermore, it provides experimental, high definition data for the validation of numerical simulations in order to determine
whether the physics of the problem under examination has been reproduced
correctly.
PIV is employed in this thesis to analyse the intra-aortic haemodynamics
of a patient-specific case of AD, as described in Chapter 5. The technique has
been successfully applied to different cardiovascular applications, such as heart
valves [Salmonsmith et al., 2019, Barakat et al., 2018], renal bifurcation flows
[Haga et al., 2015], celiac trunk [Scardulla et al., 2017] and carotid artery flow
[Buchmann and Jermy, 2007]. However, it has never been applied to study the
flow dynamics of Aortic Dissection.
In this chapter the experimental techniques and facilities employed to determine the velocity field in the patient-specific phantom of Chapter 5 are described. The acquisition and data post-processing procedures are then applied
to a simplified fluid dynamics case of unsteady flow in a tube for validation
purposes.

4.2

Principles of Particle Image Velocimetry

The PIV technique is based on the definition of velocity u and is used to obtain
the displacement of fluid ∆x over a given period of time ∆t.
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u=

∆x
∆t

(4.1)

Tracer particles are added to the fluid and illuminated in a plane of the
flow at least twice within a short interval of time ∆t by means of a laser
light sheet. ∆t is defined according to the mean flow velocity and the image
magnification under the assumption that the seeding particles move with local
flow velocity between the two light pulses. The position of the particles is
imaged with a camera system that captures their scattered light on a single
frame or on a sequence of frames, normally in pairs.
Two images with particles are therefore obtained, the first one at the first
light pulse and the second one at the second light pulse. In order to evaluate
the displacement of the particles ∆x, the digital recording is divided in small
regions called interrogation windows or interrogation areas containing a small
number of particles (∼ 8 − 10). For each one of these, the local displacement
vector for the images of the tracer particles is determined by means of statistical
methods (i.e. spatially statistical cross-correlation function). The projection
of the local flow velocity vector into the plane of the light sheet is calculated
taking into account both the time delay between the two illuminations ∆t and
the image magnification obtained from camera calibration. The process of
interrogation is repeated for all interrogation windows of the PIV recording.
Neighbouring interrogation windows can be partially overlapped in order to
reduce the spacing between two vectors in the resulting vector grid; typically,
a 50% overlap is used for increased spatial resolution.
More complex PIV setups can be used, for instance to extract the z-axis
displacement (stereoscopic PIV) or reconstruct 3D velocity fields (tomographic
PIV). For the scope of this work, only two-component PIV (2D-PIV) – in
which two of the velocity components are measured – is considered. Figure 4.1
sketches the schematic of a typical arrangement to perform PIV in a generic
test section. A thorough description of the PIV technique, its mathematical
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background and examples of applications can be found in Raffel et al. [1998].

Light sheet

Light sheet
optics
t2

t1

Interrogation
area

t1

Imaging
optics

t2

Figure 4.1: Experimental arrangement for PIV in a test section. The schematic
shows the main components necessary to perform PIV: tracer particles, laser and
light sheet optics, and imaging optics.

Although several types of lasers can be used, the most common source is
the pulsed Neodyme-YAG (Nd:YAG) laser, which, with two resonators, allows
to double the frequency and to achieve a wavelength of λ = 532 nm in visible
light. Pulse duration is in the range of 10 Hz [Raffel et al., 1998] and laser
energy can reach 400 mJ/pulse. Charge coupled device (CCD) cameras or
complementary metal-oxide semiconductor (CMOS) ones can be used. The
first use a CCD sensor, which converts photons to an electric charge based
on the photoelectric effect, and typically allows more than 100 recordings per
minute to be captured. High speed recording for acquisition in the range of
kHz can be performed with the more recent CMOS cameras. Light sheet
optics are commonly employed to, for instance, spread the laser beam into an
appropriate sheet or control its location in the experimental setup.
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4.2.1

Cross-correlation of a pair of two single-exposure
recordings

PIV recordings are evaluated through local cross-correlation of two frames of
single exposure of the tracer particles. Considering the image position vector
of a generic particle i in the first exposure at t1 , and the position vector Xi ,
the image intensity field of the first PIV exposure I(x) is defined as
I(x) =

N
X

V0 (Xi )τ (x − xi )

(4.2)

i=1

where V0 (Xi ) is the transfer function giving the light energy of the particle
i in the interrogation window, and τ (x) is the point spread function of the
imaging lens (assumed to be Gaussian in both directions of the plane). Between
two exposures, a constant displacement vector ∆x of all particles inside the
interrogation window is assumed so that the location of the particles during
the second exposure time t0 = t + ∆t is given by:
Xi0 = Xi + ∆x

(4.3)

The image intensity field of the second exposure is expressed as
I 0 (x) =

N
X

V00 (Xj + ∆X)τ (x − xj − δx)

(4.4)

j=1

where δx is the particle displacement approximated as ∆X = δx/M . The terms
i 6= j represent the correlation of randomly distributed particles (noise in the
correlation plane) whereas i = j contains the particle displacement information.
The cross-correlation of the two interrogation windows is then defined as:
R(s) = hI(x)I(x + s)i

(4.5)

where s is the separation vector and hi is the spatial averaging operator acting
over the interrogation window. R can be decomposed into three parts as
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follows:
R(s) = RC (s) + RF (s) + RD (s)

(4.6)

where RC is the correlation of the mean image intensities, RF is the component
of the fluctuating noise - both resulting from the i 6= j terms; and RD represents
the component of the cross-correlation function that corresponds to the particle
image correlation obtained from the first exposure to the one obtained from
the second one (i = j terms).
Therefore, considering a given distribution of seeding particles in a flow
field, the displacement correlation peak reaches the maximum for s = δx and
its location yields the average in-plane displacement and therefore the two
velocity components of the flow. A schematic illustration of the principles of
cross-correlation is illustrated in Figure 4.2.
Interrogation window
at position (i,j)

t

Cross-correlation
Cross-correlation peak detection procedure

RD
Image 1 (t)

One particle velocity
vector for each
interrogation window

RF+RC
t+∆t

v(t,i,j)

Velocity field

Image 2 (t+∆t)

Figure 4.2: Schematic illustrating the cross-correlation procedure to reconstruct
the velocity field from two consecutive exposure images at times t and t + ∆t and
the peak composition in the cross-correlation function.

4.3

Apparatus and acquisition protocol

Measurements were performed using a pulsed Nd:YAG laser (Bernoulli PIV
laser B-PIV 100-25, Litron Lasers, UK) and a CCD camera (POWERVIEW
Plus 12 MP, 8 bit, Imperx, USA) with 12 MP resolution and maximum acquisition frequency of 55 frame per second (Table 4.1). Light sheet optics
comprising a cylindrical lens (either 15 mm or 25 mm focal length with an
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equivalent divergence angle of 25 and 14 degrees respectively) and a 90 degree mirror were used to create a laser sheet thick approximately 1 mm thick,
and adjust the beam direction. The laser sheet thickness was verified using
photosensitive paper. The flow was seeded with fluorescent polymer particles∗ (PMMA-RhB-10, 1-20 µm; Dantec Dynamics, Denmark) and an edge
filter at 550 nm was used to cut the wavelength at 532 nm and allow only the
fluorescent signal through the camera.
Table 4.1: Performance specification of the pulsed Nd:YAG laser and CCD camera.

Nd:YAG laser

CCD camera

Parameter

Value

Parameter

Value

Pulse repetition rate [Hz]

0-25

Resolution [MP]

12

Wavelength [nm]

532

Resolution [pixels]

4000 x 3000

Pulse energy @ 532 nm [mJ]

100

Acquisition [FPS]

55

Pulse width [ns]

≤ 10

Lens

500 mm

Near field beam diameter [mm]

5

In order to support the camera and the laser in the correct positions and
control the necessary movements of the components for the PIV acquisition,
a custom made support system was designed and manufactured. The main
components are illustrated in Figure 4.3.

4.3.1

Data acquisition and processing

Image acquisition was performed using the TSI Insight4G software (TSI Inc.,
USA) on a Windows 7 64-Bit OS with parallel processing capabilities, that
was also used to synchronise the camera and the laser pulses via a LaserPulse synchroniser (Model 610006). The acquired images are first processed
using custom-made Matlab functions to enhance the contrast of the image and
highlight the particles and background subtraction is performed. A mask is
∗ Fluorescent

polymer particles are based on melamine resin. The fluorescence dye is
homogeneously distributed over the entire particle volume.
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z

Camera is held through an
aluminium support system
which allows for gross x-z
position adjustments as well

y
x

Laser support plate mounted
on the optical table

Linear long
stage for fine
control of y
direction

Linear vertical stage to control the
z-axe position of the test section

Figure 4.3: Schematic showing the components used to align camera and laser in
the desired position as well as to control the relative motion of the components.

created to manually remove out-of-plane areas and constrain the processing to
the region of interest only and velocity fields are estimated using a three-pass
cross-correlation scheme with 50% window overlap using PIVlab [Thielicke and
Stamhuis, 2014].
Image calibration was performed for every acquired dataset using a calibration grid of black squares 2 mm in length and 3 mm apart. A calibration
image was acquired and the absolute distance between two points was calculated four times to calculate a scaling factor. The average value was obtained
and the percentage variation calculated. A variation of 1% was found and can
be considered as estimated calibration error.

4.3.2

PIV data post-processing

Although cross-correlation algorithms usually provide robust velocity estimations, several factors can cause a certain amount of erroneous correlations,
such as light conditions, reflections and three-dimensional flows. To obtain
reliable results, post-processing is usually performed. Thresholds of acceptable velocities are first defined and outliers are excluded from the solution and
the corresponding vectors rejected. The normalised median test was applied
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after each pass, evaluating the velocity fluctuations with respect to the median
value in a 5x5 neighbourhood around the vector. Identified erroneous vectors
were replaced with the local median vector value. Lastly, a smoothing filter
was applied to the velocity fields after each iteration in order to decrease the
amount of noise introduced by the algorithm and increase the quality of the
velocity estimation. Post-processing was performed using PIVlab [Thielicke
and Stamhuis, 2014].

4.3.3

PIV data analysis

The vector fields obtained through the PIV processing were used to illustrate
and analyse the flow under investigation. In this section, the various quantities
estimated from the measured data are described.
Instantaneous and Phase-average flow
The measured vessel velocity fields presented in this thesis are subject to measurement noise as well as turbulent fluctuations and inter-cycle variations.
These effects can be reduced by averaging the results. However, because of
the periodic nature of the pulsatile flows of interest (i.e. aortic flow rates), the
information related to the transient phenomena has to be retained and therefore it is necessary to phase-average the data. The phase-averaging method is
used to decompose a measured time-varying signal u(t) into a mean part and
a fluctuating part as:
u(t) = hu(t)i + u0 (t)

(4.7)

where hu(t)i is the phase-average term defined as
hui (t)i =

N
1 X
ui (t)
N n=1

∀i = 1...I

(4.8)

where N is the number of cycles considered and i denotes the instant of the
cardiac cycle (I is the total number of phases). With N sufficiently large
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|hu(t, N )est i − hu(t)i| < ε

(4.9)

where ε is a small arbitrary small number so that the estimation of the phase
average velocity converges to the true value. Because of this, the choice of
the number of cycles to be used in the averaging process is often critical. In
this thesis, when phase averaging, the number of cycles required for the phase
averaging was checked by plotting the average velocity over the number of
cycles used.
v

Necessary
image number

𝑣ҧ

Max ∆v

N images averaged
Figure 4.4: Convergence check for phase-averaged measurements. The average
velocity value, of a defined instant, is plotted as a function of the number of cycles
used.

The fluctuating component u0 (u0 , v 0 ) can be then derived as
DevSti = u0i (t) =

sP

N
2
n=0 (ui (t) − hui i)

N

∀i = 1...I

(4.10)

and includes the small-scale turbulent motions, experimental error and intercycle variability.
Vector properties
From the phase-averaged cycle, the velocity magnitude of each instant was
calculated as
u=

q

u2 + v 2
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where u is the x-component of the velocity and v is the y-component, both
measured in m/s. As flow accelerates and decelerates in complex geometries,
transient and turbulent flow may develop. Assuming that such regions have
higher cycle-to-cycle variation in the velocity phase-resolved calculations, the
fluctuating component in the two considered directions calculated as
u0 =

q

u02 + v 02

(4.12)

was used to represent small turbulent motions, experimental error and intercycle variation in the flow.
Vorticity ω describes the local rotation of the fluid giving an indication of
vortex formation and the presence of vortical structures in a defined region of
the domain. Vorticity is defined as the curl of the velocity vector u. The component orthogonal the plane of measurement was calculated through PIVlab†
[Thielicke and Stamhuis, 2014] as
ω=

∂v ∂u
−
∂x ∂y

(4.13)

Shear rate γ̇ was calculated in PIVlab† [Thielicke and Stamhuis, 2014] as
γ̇ =

∂u ∂v
+
∂y ∂x

(4.14)

Lastly, streamlines - lines which are tangent to the velocity field - were generated to facilitate the visualisation of the in plane flow, highlighting the direction
of the flow and the presence of recirculation regions and vortices.
PIV derived flow rate
Flow rate was extracted from the phase-averaged velocity field performing the
double integral under the assumption of axi-symmetric flow (Equation 4.15).
The calculation was designed to calculate the flow rate at the inlet of the aorta,
† The

equations are numerically solved in Matlab using a the central difference approximation, which is a second order differentiating scheme.
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a rigid cylinder with a circular cross-sectional area.
Q(t) =

Z RZ ϑ
0

0

u r drdϑ =

Z R
0

u(r) 2πr dr

(4.15)

The flow rate was calculated from PIV images in Matlab, using the velocity
profiles uk (r) , according to:
Qk,i (t) =

N
X

(uk,i (t) π rn ) ∆R

∀i = 1...I

(4.16)

n=1

where N is the total number of elements along the radius, R is the radius of the
cross-sectional area, k denotes the position along the length, and ∆R = R/N .

4.4

Validation in a simplified geometry

In order to test the PIV acquisition system and validate the processing and
post-processing methods, a simple case study of pulsatile flow through a
straight rigid tube was considered as a test section. A controlled pulsatile
flow was applied and measurements were taken to reconstruct the velocity
field. Results were compared to the analytical solution of the Womersley flow,
as described in the following section.

4.4.1

Analytical solution

Considering a pulsatile flow in a cylindrical rigid tube of radius a developing
in the z direction, with

∂p
∂r

= 0, and an imposed harmonic pressure gradient

equal to

−

1 ∂p
= A0 + Aω cos(ωt)
ρ ∂z

(4.17)

the analytical solution of the Womersley velocity profile can be computed as:
i ∂ p̂
J0 (i3/2 αr/a)
v̂z (r) =
1−
ρω ∂z
J0 (i3/2 α)
"
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where α is the Womersley number‡ and J0 is the 0 order Bessel function of the
first kind:
Jn (s) =

∞
X

(−1)k
s
k!(n + k)! 2
k=0

 2k+n

(4.19)

In order to calculate the analytical velocity profile, flow rate q(t) is used as
inlet boundary condition and the pressure gradient

∂p
∂z

was derived from the

longitudinal impedance ZL :
∂ p̂
/q̂
∂z

(4.20)

ρ
1
πa2 1 − F10 (α)

(4.21)

2J1 (i3/2 α)
i3/2 αJ0 (i3/2 α)

(4.22)

ZL = −

ZL = iω
where

F10 (α) =

The inlet flow q(t) can then be defined by a periodic function of time, and
the Fourier coefficients (as in Equation 4.26) and complex frequency spectrum
F (k) can be defined as follows. Fourier’s theorem states that any periodic
function f (t) can be written as the sum of an infinite number of terms:
f (t) =

∞
A0 X
+
(Ak cos(ωk t) + Bk sin(ωk t))
2 k=1

(4.23)

with
Ak =

‡ The

2 Z T /2
f (t)cos(ωk t)dt
T −T /2

k = 0, 1, ...

(4.24)

q
Womersley number (α) is defined as α = L ωρ
µ , where L is the characteristic

length (diameter of a pipe), ω is the angular frequency of the oscillations (ω = 2πf ), ρ is the
fluid density and µ is the fluid viscosity.
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Bk =

2 Z T /2
f (t)sins(ωk t)dt
T −T /2

k = 0, 1, ...

(4.25)

where ωk = kω and ω = 2π/T . Considering the exponential form eix = cos(x) +
isin(x), and the Fourier coefficients as
1
F (k) = (Ak − iBk )
2

(4.26)

then the reciprocal relations between the periodic function f (t) and its complex
frequency spectrum F (k), known as the inverse Fourier transform and the
Fourier transform respectively, are defined as:



∞
X







∞
X
A0
f (t) = Re 
F (k)eiωk t  =
+ Re 
2F (k)eiωk t 
2
k=−∞
k=1

1 Z T /2
f (t)e−1ωk t dt
F (k) =
T −T /2

(4.27)

(4.28)

The calculation were performed in Matlab and the functions were adapted
to the experimental conditions by varying the inlet flow rate curve, fluid rheology, frequency of the first harmonic, radius of the cylinder and number of
considered time-steps.
The velocity profiles were expected to vary according to the inlet velocities and frequencies of the pulsatile flow. Considering the analytical solution
with a sinusoid pressure gradient, for small Womersley numbers§ , acceleration forces are negligible compared to viscous ones and there is an equilibrium
between viscous forces and pressure gradient. The velocity profile follows a
pseudo-parabolic profile increasing and decreasing with time, symmetrically
with respect to the centreline, following the pressure gradient. This indicates
§ The

q
Womersley number (α) is defined as α = L ωρ
µ , where L is the characteristic

length (radius of a pipe), ω is the angular frequency of the oscillations (ω = 2πf ), ρ is the
fluid density and µ is the fluid dynamic viscosity.
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that viscosity is acting in the whole section of the tube. However, as the
Womersley number increases, the inertial forces become more important and
start to dominate, initiating at the centre of the tube. Because of this, a deHigh speed

Optical filter

CCDis observed
Distance
d = the
40 cm velocity profile
lay with respect to the pressure gradient
and
camera

becomes flat in the central region of the tube. The velocity profile first inReservoir

Controlled parameters:

frequency (bpm), Stroke
verts Heart
in near-wall
regions where the velocityd is smaller and shear forces are at
Volume

maximum.

4.4.2

Experimental
measurementsND:YAG Laser
RI = 1.49

Pulsatile pump system

Fluid: KSCN solution
Fluorescent tracer particles

Acquisition f = 22Hz

The test section consisted of a plexiglass hollow cylinder (ID
14at 532
mm,
Light=
sheet
nm OD
Optics

= 20 mm, L = 300 mm) immersed in a tank filled with the working fluid to
allow optical access. The configuration of the experimental setup is illustrated
in Figure 4.5; a controlled pulsatile flow is imposed with the pump system
developed in Chapter 2, and a reservoir is placed downstream of the test section
to collect the fluid and distribute it back to the left ventricle chamber, closing
the hydraulic loop.
High speed
CCD camera

Controlled parameters:
Frequency (bpm), Stroke Volume, Tcycle

Pulsatile pump system

Fluid: KSCN
solution
Fluorescent
tracer particles

Optical filter
Distance d = 40 cm
Reservoir
d

Nd:YAG Laser

L ≈ 60 cm
Optics

Acquisition f = 22Hz
Light sheet at 532 nm

Figure 4.5: Schematic of the experimental setup used throughout this chapter,
showing the main components and parameters. The piston driven pump system
developed in Chapter 2 provides pulsatile flow to the simplified test section (i.e.
hollow transparent cylinder secured in a tank for optical access). A Nd:Yag laser is
used to illuminate the geometry and the light scattered by fluorescent particles in
the flow is captured by a high speed camera placed above the test section.

A KSCN - distilled water solution (ρ = 1310 Kg m−3 and ρ = 2.2 cP ) was
used as a working fluid. The details of selecting the working fluid and its
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optical rheological properties will de discussed in detail in Chapter 5. Figure
4.6 shows the image distortion before and after filling the tube (RI = 1.49)
with the fluid (RI=1.48).
The flow conditions used in the experiments are summarised in Table
4.2. The same shape of the flowrate curve was used in all cases according to
Equation 2.22, and adjusted according to the chosen Tcycle , Tsys and CO. The
cycle duration, Bindicated in the table, was set in order to have a finite number
A
of images per each
cycle considering a 22 Hz PIV acquisition frequency (i.e.

44, 33, 33 and 22 images per cycle for test 1, 2, 3 and 4, respectively). It is
worth mentioning that the flow rate conditions employed in these experiments
were not meant to be representative of a physiological vascular condition but
B
rather provide different fluid dynamicA scenarios. For each
set, the Womersley

number W o, Reynolds number Remean ¶ and the flow entry length defined as
Lh = 0.05 · Re · D were calculated. Test 1 was chosen as the closest experiment
to achieve fully developed flow conditions, and was compared to the analytical
solution for validation purposes.

(a)

(b)

Figure 4.6: Refractive index matching of the working fluid; a square grid is used
to highlight the optical distortion due to the difference between the RI of the tube
material and that of the working fluid. (a) Before and (b) after filling the section.

4.5

Sources of error and uncertainty

The uncertainty in measurements can be described as level of doubt of data, a
numerical range of values in which the true value lies, with some level of confimean Reynolds number is calculated as Remean = ρv̄D
µ ; where ρ is the fluid density,
v̄ is the average inlet velocity, D is the diameter of the tube and µ is the fluid viscosity.
¶ The
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Table 4.2: Main parameters of experiments sets carried out on the simplified
test section. fhar , frequency of the first harmonics; facq , PIV acquisition frequency; imgcycle , number of images acquired per cycle; W o, Womersley number;
Re, Reynolds number.

Parameter
HR [bpm]
fhar [s−1 ]
Tcycle [s]
facq [Hz]
Imgcycle
Wo
Lh [cm]
Remean

Test 1
30
0.5
2
22
44
9.57
58
860

Test 2
40
0.666
1.5
22
33
11.05
88
1250

Test 3
40
0.666
1.5
22
33
11.05
72
1000

Test 4
60
1
1
22
22
13.5
71
1001

dence. Several factors affect uncertainty related to PIV measurements, which
is thus inherently difficult to estimate. A detailed description can be found in
a recent review on PIV uncertainty quantification by Sciacchitano [2019]. Experimental setup alignment, timing errors, particle tracing capabilities, image
quality and illumination, flow field-induced and PIV processing errors, are all
associated with PIV measurements.
The error due to background noise and out-of-plane motion were considered and minimised in the acquisition protocol implementation. Background
noise has minor effects on the PIV measurements and was avoided minimising
the background light during the measurements. Out-of-plane motion can cause
the seeding particles to move out of the interrogation area between image pairs.
This can result in a false valid peak detected during the correlation algorithm.
To minimise this error, the time interval between images (∆t) was adjusted to
be short enough so the particles do not leave the illuminated region.
Displacement uncertainty is typically reported as 0.1 pixel units [Raffel
et al., 1998]. However, the use of a constant to characterise the PIV uncertainty is simplistic, as the actual uncertainty is known to vary greatly both
amongst experiments, and within the same experiment, depending on the input
parameters used [Sciacchitano, 2019].
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An overall error estimation can be obtained through the Insight software
(TSI Inc., USA), which uses the Peak Ratio (PR) uncertainty method, detailed
in Charonko and Vlachos [2013]‖ , to determine uncertainty in PIV acquisitions
using the Peak to noise Ratio. The method includes many possible sources of
error (e.g. particle seeding density, pixel displacement, image processing).
The obtained values varied spatially over the PIV plane considered, reaching
maximum value in proximity of the walls where refraction causes errors. The
in-plane mean uncertainty was estimated as 19%.
As a simple test to assess the accuracy of the PIV measurements, in
this work, the error was quantified using conservation of mass∗∗ . Assuming a
constant density, conservation of mass requires that the volumetric flow rate is
constant along the considered section (i.e. tube length, or aortic inlet length).
Considering a 2D-PIV plane (N x M) acquired in a cylindrical geometry, with
N number of elements along the diameter and M number of elements along the
length, the flow rate was calculated according to Equation 4.16 for all the M
sections.
The mean flow rate Q̄m was calculated (m = 1...M) and the maximum
and minimum values were used to estimate the percentage error as
=

Q̄m,max − Q̄m,min
· 100
Q̄m,max

(4.29)

This provides a percentage error deviation from the ideal mass conservation
and the values were calculated for both the experimental setups used in this
work. For the flow through the simplified test section described in this chapter,
 was found to be 5.19%. For the inlet aortic flow characterised in Chapter 5,
 was equal to 5.32%.

‖ The

error estimation is related to the ratio of the largest correlation peak, assuming
this is the best estimate of true displacement, to the second highest peak, which is related
to the combined effects of error sources.
∗∗ Conservation of mass requires that ρQ = constant, where Q is the volumetric flow rate
and ρ is the fluid density.
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4.6

Results and Discussions

Figure 4.7 shows the phase-averaged velocity fields (hui) at six instants of the
cycle, and their correspondent inter-cycle velocity fluctuation variations (u’)
and vorticity (ω). At peak systole and during the first part of the descending
phase the flow exhibits little to no disruption and the fluid flows in parallel
layers. The fluctuating component is negligible compared to the magnitudes
of the flow and represents the expected experimental inter-cycle variation. On
the contrary, during diastole, as the flow decelerates, mixing of the layers
becomes evident and back-flow is observed. The fluctuating velocity as well as
the vorticity increase in magnitudes. It should be noted that vorticity observed
during the systolic phase is induced by the friction shear at the boundary walls
and is not related to the formation of vortical structures.
Figure 4.8 shows the variation of velocity magnitude values according to
the number of images considered at four different times during the cycle. As
expected the variation found was lower during the systolic phase compared
to the diastolic one, which here represents only cycle-to-cycle variations and
measurement noise. Phase-averaging 20 cycles was sufficient to obtain velocity
convergence.
To verify that the experimental flow solution could be considered developed, the velocity profiles acquired at different lengths along the tube are
shown in Figure 4.9a at four different times of the cycle. The 20 sections considered overlap very well with a negligible maximum difference during diastole
(at t/T=0.63) of 0.002 m/s. The velocity profiles over time of a section of the
tube are plotted in Figure 4.9b.
The experimental velocity profiles over time are compared to the analytical ones in Figure 4.10. The normalised velocity profiles are shown both
singularly and overlapped to highlight differences and similarities. The models show very good agreement in the systolic phase. However, starting at the
beginning of the diastolic phase at t/T = 0.562, the difference increases even
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though the overall behaviour (i.e. velocity inversion) is similar. Moreover,
asymmetry is observed in the experimental profiles. The discrepancy is due
to the difference between the experimental conditions and the assumptions in
the analytical solutions. First, the tube inlet flow and velocity profile is influenced by the aortic valve employed in the pulsatile pump system, which causes
asymmetry in the solutions and 3D dimensional fluid structures. Second, the
analytical solution considers an infinite cylindrical tube, whilst in the experimental setup the fluid dynamic is influenced by the inlet and outlet connectors
and boundary conditions. Nevertheless the comparison demonstrates the ability of the employed acquisition and post-processing protocols to characterise
the flow of interest and accurately obtain the haemodynamic parameters.

4.7

Conclusions

In this chapter, the PIV experimental setup that is employed in this work to
characterise AD haemodynamics in vitro is described. The PIV technique was
first applied to a simplified test section under pulsatile flow conditions in order
to evaluate its performance before applying it to a more complex AD geometry.
PIV-derived velocity fields were analysed and the experimental time-resolved
velocity profiles were compared to the Womersley analytical solution to validate the processing and post-processing methods. The experimental setup
and acquisition protocol was found to be suitable to characterise non-steady
flows akin to physiological ones. Following this, in Chapter 5, the materials
and methods developed in the previous chapters will be used to investigate the
haemodynamic of a case study of Type-B AD using PIV.
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Figure 4.7: Phase-averaged PIV-derived velocity magnitude hui, velocity fluctuations u0 and vorticity ω obtained in the test section at different instants of the cycle.
It should be noted that vorticity observed during the systolic phase is induced by the
friction shear at the walls and is not related to the formation of vortical structures.
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t/T=0.63

t/T=0.8

Velocity [m/s]

(a)

(b)
Figure 4.9: (a) Variation of velocity profiles along the considered length of the tube
at a four different instants. Each image shows 20 different lines, each corresponds
to a different section of the tube. (b) Variation of the velocity profile, at a defined
section, over a full cycle.
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Figure 4.10: Normalised velocity profiles at different instants of the cycle T: PIVderived, obtained with the analytical solution and their comparison.
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Chapter 5
Personalised
Haemodynamic Study
of a Type-B AD

†

This chapter describes the first in vitro haemodynamic
study of a patient-specific model of AD, developed using
the tools and experimental methods developed in the previous chapters. The in vitro haemodynamics was compared
to the available in vivo data and 3D computational fluiddynamic simulations demonstrating the potential of combining experimental and numerical tools to tackle AD.

† The

results presented in this chapter were presented to the scientific community at the Virtual Physiological Human congress, 2018;
World Congress of Biomechanics, 2018; European Society of Vascular Surgery conference, 2017 and 2018; BioMedEng conference, 2019;
CompBioMed conference, 2019 and Shanghai workshop, 2019.

5.1. Introduction

5.1

Introduction

Personalised experimental models able to emulate patient-specific haemodynamic conditions, accounting for both anatomical features and dynamic boundary conditions to achieve the correct flow and pressure behaviour, have not
been reported hitherto. To be personalised, these models should be informed
by clinical data and adjusted to reproduce the patient and the vessel of interest in a similar way to the tuning of BCs for CFD models. On the contrary,
numerical models for AD have already moved towards complete personalisation of the BCs based on available in vivo data. Morphology, inlet flow rate
and dynamic tuned 3WK have been applied in recent works [Bonfanti et al.,
2019, Pirola et al., 2019]. The lack of personalised experimental models poses
limitations in the use of in vitro tools for the validation of in silico predictions
that needs to be addressed.
Validation of state of the art patient-specific CFD simulations of AD is
currently achieved using in vivo data based on 2D and 4D PC-MRI [Pirola
et al., 2019]. These modalities suffer from poor resolution and are often insufficient to provide data for the whole flow domain for a better understanding of
the local haemodynamics and accurate validation of numerical models. Furthermore, comparing against in vivo data is not possible when the numerical
model is employed to simulate various clinical scenarios using a virtual patient,
for instance modelling the result of a surgical procedure. In vitro PIV measurements can provide sufficiently high temporal and spatial resolution velocity
field over the flow domain for visualisation and quantification. The technique
has been applied to several cardiovascular problems, using simplified [Buchmann et al., 2010] as well as (fewer) complex geometries [Ford et al., 2008].
To date, PIV has not been used in any in vitro AD work.
In this chapter, a case study of AD is considered and a framework to
perform an in vitro personalised study to investigate the haemodynamics of
the condition is demonstrated. The experimental mock circulatory loop was
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assembled using the physical components designed in Chapter 2, and the personalisation procedure informed by clinical data were employed to correctly
tune the components. The anatomical features of the vessel are accounted for
using the rigid phantom described in Chapter 3. Results are compared against
the available clinical data as well as a CFD simulation of the same patient∗ ,
showcasing and demonstrating the potential of a combined in vitro, in silico
and in vivo approach.

5.2

Materials and Methods
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Figure 5.1: Schematic of the in vivo, in vitro and in silico approach. Clinical non
invasive data are used to inform both the experimental and computational models.
∗ The

numerical model was developed in a parallel work by Bonfanti et al. [2017] and
adapted for this study.
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The workflow adopted in the present chapter is shown in Figure 5.1. First,
the clinical case-study under examination was considered and the relevant
data were extracted. The in vitro mock circulatory loop was assembled in
the correct configuration and the personalisation procedure was employed to
tune the inlet flow rate as well as the parameters of the BCs. Experimental
flow rate, pressure data and PIV-derived velocity fields were acquired once
the model correctly matched the in vivo, target condition. Then, an in silico
study was implemented using the same BCs parameters and the numerical
predictions were compared against the experiment.

5.2.1

Clinical dataset
LCC
𝑄𝐿𝐶𝐶 𝑡 = 2D PC-MRI data
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𝑄𝐵𝑇 𝑡 = 2D PC-MRI (𝑄𝑅𝐶𝐶 𝑡 ) + calculated* (𝑄𝑅𝑆𝐴 𝑡 )
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Figure 5.2: Available in vivo information extracted from the clinical dataset of the
patient. The inlet flow rate curve was extracted from 2D PC-MRI, as well as flow
information at RCC, LCC and DA.

The case study considered is based on a patient-specific dataset of a 77181
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year-old male subject to a chronic Type-B AD. The dataset was acquired as
part of an ethically approved protocol (NHS Health Research Authority, ref:
12/YH/0551; Leeds Teaching Hospitals NHS Trust, ref: 788/RADRES/16),
and appropriate consent was obtained from the patient.

Phase-contrast

through-plane velocity mapping images (2D PC-MRI) were acquired at different locations along the domain for flow quantification (slice thickness: 6
mm, RT: 17 ms, ET: 1.9 ms, Field of View: 400 mm, pixel spacing: 1.56
mm, temporal resolution: 40 phases/cardiac cycle, velocity encoding: 200
cm/s) (dotted lines in Figure 5.2). Flow information was extracted from the
PC-MRI sequences using the flow visualisation software GT Flow (GyroTools
LCC, Zürich, Switzerland). Sphygmomanometer pressure values were also acquired.
As described in Chapter 3, the dissection originated approximately 40 mm
distal to the LSA; it extends to the descending aorta, and terminates about
10 mm distal to the CT. The AD is characterised by a flat shaped IF and
one entry-tear located approximately 10 mm distal to the proximal end of the
dissection; no other communication between the TL and the FL was noted
from the CT data, and confirmed by a reduced flow in the FL observed in the
PC-MRI data. The extracted in vivo flow rate curves are shown in Figure 5.2.

5.2.2

Experimental setup

The AD geometry presented one inlet (ascending aorta) and four outlets: BT,
LCC, LSA and DA. The mock circulatory loop was therefore assembled using
four different physical 3WK models, one for each outlet, in order to serve as
dynamic BCs. The 3D printed phantom was secured in a plexiglass tank and
the components were assembled in the configuration shown in Figure 5.3. In
the system, the fluid flows from the LV simulator, through the aortic valve,
to the aortic domain. It then flows from the outlets of the vessel through the
afterload models to the atrial reservoir, to then loop back into the LV through
the mitral valve. The PIV support system and components are also shown
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High speed
camera

Atrial
reservoir

Afterload
Windkessel models
Pulsatile
pump
system

Personalised
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Nd-Yag laser

Figure 5.3: Schematic representation of the experimental platform configured to
study AD, showing the different components: namely, the pulsatile pump system,
patient-specific AD phantom, 3WK models and atrial reservoir. The image also
shows the configuration of the PIV system for haemodynamics acquisitions.

in Figure 5.3, assembled to acquire the flow field in the sagittal plane of the
vessel.

5.2.3

Models personalisation

In order to create the analytical waveform that reproduces as closely as possible
the aortic flow rate of the patient, the protocol described in Chapter 2 was
adopted. First, the main physiological parameters were extracted from 2D PCMRI data (i.e. stroke volume (SV) = 107.6 ml, cycle length (T) = 0.8 s and
mean flow rate = 134 ml/s). The parameters were adjusted for compatibility
with the image acquisition rate (f = 22 Hz); in particular, T was increased
to 0.82 s to be a multiple of 1/f whilst maintaining the same SV and mean
flow rate. Finally, the correct analytical waveform was generated through the
computer routine described in Chapter 2 (Figure 2.11).
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The personalisation strategy to tune the parameters of the 3WK models
shown in Figure 2.12 (steps 1, 2, 3 and 5) was employed to adjust the afterload
simulators. A 0D model of the rigid vessel and peripheral circulation was
created, as shown in Figure 5.4. The parameters R and L of the building blocks
constituting the vessel were calculated using the 3D geometry of the vessel.
The systolic and diastolic pressure values and the CO distribution amongst
the aortic arch branches and DA were used as target values for the calibration
procedure. 2D PC-MRI data were available for the inlet, LCC, RCC and DA
(Figure 5.2). The mean flow rate value for RSA and LSA were obtained from
the fully validated computational model of the same patient by Bonfanti et al.
[2018]. Table 5.1 lists the target values used for the personalisation procedure.
Table 5.1: Values used as targets for the personalisation procedure.

Parameter

Value

Unit

Source

Psys

150

mmHg

Sphygmomanometer pressure

Pdia

80

mmHg

Sphygmomanometer pressure

Q̄IN

134.50

ml/s

2D PC-MRI

Q̄BT

22.50

ml/s

2D PC-MRI and Bonfanti et al. [2018]

Q̄LCC

8.90

ml/s

2D PC-MRI

Q̄LSA

9.80

ml/s

Bonfanti et al. [2018]

Q̄DA

93.30

ml/s

2D PC-MRI
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Figure 5.4: Lumped parameter model for the patient-specific AD case study. The
aortic segments and outflow 3WK models are delimited by black and blue rectangles,
respectively. Blocks AA, BT, LCC, LSA, DA1 and DA2 are the 0D blocks simulating
resistance and inductance the vessel geometry, as divided into different segments
(step 1 of Figure 2.12). 3WK BT, 3WK LCC, 3WK LSA and 3WK DA are the
three-element Windkessel models of the outlet AD branches.
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5.2.4

Fluid rheology

The optical properties of the AD phantom posed a significant constraint in
the selection of the working fluid. The mixture was formulated in order to
match the refractive index of the phantom material as closely as possible (RI =
1.50 − 1.51). An extensive review of refractive index mimicking solid-liquid
systems is given in the literature with RI varying the range 1.33 - 1.62 [Wright
et al., 2017]. Commonly used solutions for vascular in vitro tests operate in
a RI range of 1.40 - 1.43 (e.g. glycerol, water, NaI salt solutions) while high
refractive index fluids (> 1.48) are rare and are usually associated with high
economic costs, high toxicity or infeasible rheological properties (for blood
mimicking purposes). Compatibility with the plastic and metallic materials of
the experimental facilities is another important consideration.
In the present study, a potassium thiocyanate (KSCN) water solution
(63% by weight) was selected as a Newtonian blood mimicking fluid as in
previous works [Najjari et al., 2016, Gijsen et al., 1999]. 8L of the solution
– corresponding to the mock loop priming volume – were prepared using a
fume cupboard, a hot plate at a constant temperature and a magnetic stirrer.
Because of the strong reaction that occurs when KSCN is in contact with ferromagnetic materials, compatibility tests with the components of the platform
were performed prior to the experiments. The refractive index was measured at
the beginning of every test using a digital refractometer (Cole-Parmer, USA).
Creating a test fluid with the same viscosity and density of blood whilst
maintaining the required optical index matching with the phantom wall, a compromise had to be made in accepting a higher fluid density (ρ = 1310 Kg/m3 )
and a lower viscosity (µ = 2.2 cP ) had to be accepted for the blood substitute
solution.
The approximation of blood rheology using a Newtonian fluid is commonly accepted when modelling large vessels (Section 1.2.2) and is performed
in every in vitro AD work. However, the shear-thinning properties of blood
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are likely to play important role in AD, because of low shear-rate regions in
the FL [Alimohammadi et al., 2015]. The non-Newtonian behaviour of blood
is accounted for in recent CFD works of AD using the Carreau-Yasuda (CY)
model [Alimohammadi et al., 2015, Bonfanti et al., 2018]. The non-Newtonian
CY model describes the behaviour of blood by defining the apparent dynamic
viscosity µCY as a function of the shear rate γ̇, according to:
µCY = µ∞ + (µ0 − µ∞ ) [1 + (λγ̇)a ](n−1)/a

(5.1)

where µ0 and µ∞ are the low (γ̇ → 0) and high (γ̇ → ∞) shear rate dynamic
viscosities, and λ, a and n are empirically determined constant parameters,
that depend on the CY model fitting results.
In order to evaluate the impact of the Newtonian approximation, and of
the different viscosity and density values used, computational simulations were
run to evaluate the differences induced by the rheological properties on the parameters of interest for the patient-specific study considered (velocity fields,
flow rate and pressure curves)† . Only the rheology was varied in these simulations in order to isolate its effects on measured haemodynamic parameters.
Four different simulations were run: (i) Newtonian KSCN solution, (ii) Newtonian fluid with physiological blood properties, and a non-Newtonian blood
rheology described by the CY model and parameters taken from (iii) Clarion
et al. [2018] (fitted using human blood data from Tomaiuolo et al. [2016]) and
(iv) Gijsen et al. [1999] (fitted to a blood mimicking fluid) (Figure 5.5). The
parameters used for the simulations are summarised in Table 5.2.
Velocity fields at different planes were compared amongst the models as
well as TAWSS, the average of the viscous tangential stresses on the vessel
wall over a cardiac cycle:
1ZT
T AW SS =
|W SS(s, t)|dt
T 0
† The

(5.2)

numerical simulations were run using the rigid CFD model developed in Bonfanti
et al. [2018], reproducing the same case study under investigation in this thesis.
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CY1 - Tomaiuolo
CY2 - Gijsen
KSCN solution

Figure 5.5: Viscosity curves for three considered viscosity models: Newtonian
KSCN solution, and two different Carreau-Yasuda models (CY1 and CY2) to reproduce non-Newtonian blood properties. The parameters of CY1 are fitted using
human blood data from Tomaiuolo et al. [2016], while those of CY2 are fitted using
a blood mimicking solution from Gijsen et al. [1999].
Table 5.2: Rheological properties used in the four computational CFD simulations
run to quantify the impact on haemodynamic variables of interest.

Model
ρ[Kg/m3 ]
µ [cP ]
Model
ρ[Kg/m3 ]
µ∞ [cP ]
µ0 [cP ]
λ[s]
a
n

Newtonian models
KSCN solution
Blood
1310
1056
2.2
4
non-Newtonian models
CY-1 [Clarion et al., 2018] CY-2 [Gijsen et al., 1999]
1056
1056
0.0036
0.0022
0.0220
0.0220
2.2785
0.110
27.4719
0.644
0.4145
0.392

where W SS is the wall-shear stress, T is the cycle period and s is the spatial
position on the vessel wall.
To predict the flow patterns in the experimental fluid domain, with the
KSCN solution, the Reynolds number (Re) was calculated. This dimensionless
number is defined as the ratio between inertial and viscous forces and serves
as a guide to the laminar to turbulence transition in a particular fluid situation. Similarly, the Womersley number (α) is a dimensionless expression of
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the pulsatile flow frequency in relation to the viscous effects of the fluid. Considering the inlet diameter of the aorta (Din ) and the rheological properties of
the KSCN solution, the mean (Rem ) and peak (Rep ) Reynolds numbers, and
the Womersley number were calculated as follows:
Rem =

ρvm D
µ

(5.3)

Rep =

ρvp D
µ

(5.4)

D
α=
2

s

ωρ
µ

(5.5)

where ω is the angular frequency, equal to 2πf , with f being the cardiac
frequency.
To assess the presence of turbulence, the critical Reynolds number (Recr )
was calculated according to Peacock et al. [1998]‡ as:
Recr = 169α0.83 St−0.027

(5.6)

where the Strouhal number was calculated as:
St =

5.2.5

D
f
2 vp − vm

(5.7)

Acquisition protocol

Pressure and flow rate waveforms were continuously measured by four the
pressure transducers (Omega Engineering, UK) and an ultrasound flow meter
(Sonotec, Germany), respectively. Figure 5.6 shows the locations where the
measurements were performed.
To perform PIV measurements, the methodology described in Chapter
‡ Peacock

et al. [1998] evaluated the onset of turbulence in physiological pulsatile flows
in rigid straight pipes using an experimental apparatus.
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Figure 5.6: Schematic illustration of the platform highlighting the positions where
flow rate and pressure curves were acquired and PIV was performed.

4 was used. Briefly, the flow was seeded with fluorescent polymer particles
(PMMA-RhB-10) with a mean diameter of 10 µm, injected into the flow upstream of the phantom and allowed to disperse uniformly within the aortic
model§ . Tracers were illuminated by the pulsed Nd:YAG laser emitting @ 532
nm wavelength. Particle image pairs were acquired with a CCD camera at a
sampling rate of 22 Hz with a resolution of 4000 x 3000 pixels with a time
interval of 1 ms. Five different parallel planes were acquired. Three (A1-3 in
Figure 5.7) in the aortic arch and two (B4-5 in Figure 5.7) aimed at analysing
the fluid dynamics in the proximal part of the TL and FL.
Image pre-processing was performed to improve the image quality and
minimise the error. The velocity fields were determined using the Fast Fourier
§ The

ability of the particles to follow the flow was estimated via the Stokes number
(Stk), defined as Stk = τp ∗ u/Dl . τp is the characteristic time of the particles calculated
as τp = Dp2 ρp /18µ. Dl is the TL diameter, u is the peak velocity, Dp is the mean particle
diameter, ρp is the particle density and µ is the fluid viscosity. The obtained Stokes number
was much lower than unit, meaning that the particles faithfully follow the fluid velocity.
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A
Plane A1

B

5 4

Plane A2

3 2 1
Entry tear

Plane A3

Planes B4-5

FL
TL

Figure 5.7: Schematic illustration of the 2D planes where PIV measurements were
taken. Three planes were used to capture the fluid dynamics in the ascending aorta
and aortic arch (A1, A2, A3), and two to analyse the proximal part of the FL and
TL (B4, B5). Several planes were needed to fully appreciate the haemodynamics
because of the complex and tortuous AD geometry.

transform-based cross-correlation algorithm, implemented with a three-pass
technique starting with an interrogation area of 64 x 64 pixels and ending with
an area of 32 x 32 pixels, overlapping by 50%. Post processing was performed
to extract the parameters of interest with custom developed Matlab functions,
as described in the previous chapter.

5.2.6

Numerical simulations

The comparison between the experimental and 3D computational data is part
of a collaborative work with a project conducted alongside, aimed at studying
AD numerically. The numerical model employed in this chapter was developed
by Bonfanti et al. [2017] and adapted in this work to match the experimental
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conditions.
The extracted AD geometry was discretised with Fluent Meshing (ANSYS, Inc., USA), adopting a tetrahedral mesh in the core region and ten prism
layers at the walls, ensuring a wall cell height (y+) < 2. Three computational
meshes of 2.3M, 4.1M and 6.1M cells were tested. Comparison of numerical
results showed that the relative difference in terms of peak velocity, pressure
and flow rate at the boundaries were less than 2.0, 1.1 and 1.9%, respectively,
between the coarse and medium mesh, and less than 0.5, 0.1 and 0.5%, respectively, between the medium and fine mesh. Therefore, the medium mesh with
4.1M elements was selected for the analysis.
The Navier–Stokes and continuity equations for 3D time-dependent flows
were solved with the CFD solver ANSYS-CFX 19.0 (ANSYS, Inc., USA).
The equations were spatially and temporally discretised with a high-resolution
advection scheme and a second order implicit backward Euler scheme, respectively, using a uniform time-step of 1 ms, small enough for time-step sizeindependent results.
Because of the high Reynolds number due to the KSCN solution rheology,
the shear stress transport (SST) turbulence model was adopted with a 1%
turbulence intensity at the inlet¶ . The SST model is a Reynolds-Averaged
Navier-Stokes (RANS) approach which combines the k − ω model for the inner
region of the boundary layer with the k −  model for the outer region, and it
is commonly used in CFD models of AD [Chen et al., 2013b].
The vessel wall was modelled as rigid with no-slip condition, to reproduce
the in vitro phantom. The fluid was treated as a Newtonian incompressible
fluid with a dynamic viscosity and density matching the experimental ones.
3WK models were coupled to the outlets and a time-dependent flat velocity
profile (as observed in the PIV acquisitions, see Appendix D, Figure D.6) was
prescribed at the inlet. Simulations were run for three cycles in order to reach
¶ The

turbulence model was employed because of the high Reynolds number induced by
the rheological properties of the KSCN solution. A value of 1% turbulence intensity was
chosen according to literature [Chen et al., 2013b].
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the periodic steady-state on the HPC cluster of UCL Computer Science Department (computational time: 11 h/cycle). Post-processing was performed
using CFD-Post (ANSYS, Inc., USA) and Matlab (Mathworks, USA). In particular, five 2D planes were created in the domain to reproduce the ones investigated experimentally using PIV (shown in Figure 5.7) to allow velocity field
comparisons between the model and the experiment.

5.2.7

In vitro, in vivo, in silico approach

As shown in Figure 5.1, the in vitro model was extensively compared to the
available clinical data and the corresponding CFD simulation. Flow rate and
pressure curves were first compared to the clinical systolic and diastolic pressure information and to 2D PC-MRI data to verify that the model was able
to reproduce the in vivo condition. The phantom haemodynamics was qualitatively and quantitatively analysed using PIV-derived velocity fields and the
overall behaviour compared with the known physiological one (e.g. higher velocities and organised flow during systole). The PIV-extracted flow rate at the
inlet was compared to the one measured downstream of the aortic valve with
the ultrasound flowmeter. Lastly, the solution obtained numerically was compared to the experimental one. Flow and pressure boundary conditions and
planar velocity fields were compared between the model and the experiment
for validation purposes.

5.3

Results

Figure 5.8 shows a picture of the experimental platform assembled on an optical
table to reproduce the considered AD case study, and its main components.

5.3.1

Rheology

The comparison between the velocity fields obtained numerically using the
four different rheological models is shown in Figure 5.9. Velocities on the
sagittal (plane 1) and axial (plane 2 and 3) planes are compared, both in the
TL and FL, and the same distribution and range of values are evident. The
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Figure 5.8: Picture of the experimental platform assembled for the case study
under investigation using the components developed in Chapter 2. The pulsatile
flow system delivered a patient-specific inlet flow rate for the anatomically correct
phantom manufactured in Chapter 3. Each outlet of the model – BT, LCC, LSA,
DA – was coupled with a physical 3WK model. An open reservoir was used as a
preload of the system.

percentage differences between the velocities obtained with the various models
are shown in Figure 5.10. The largest differences are found near the walls
along the whole fluid domain, with maximum values of 19.68% between the
two Newtonian models. In the lumen area, very low differences were found in
the proximal part of the aorta (maximum of -2.06%) while higher values were
noticed in the distal part of the TL (maximum of -7.27%).
Because of the rheological properties of the KSCN solution which, compared to blood has lower viscosity and higher density, the Reynolds number
calculated was high and above the limit set by the Recr . The mean and peak
Reynolds numbers were equal to 3472 and 11581, respectively. The Strouhal
number was 0.04, leading to a critical Reynolds number of 3276. The Womersley number was 32. Because of the values of density and viscosity of the fluid,
the Reynolds number values are higher than the physiological ones – which
would have been obtained with blood rheology. Turbulent motions are thus
expected in the aortic flow fields. In silico and in vitro studies, have associated
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Figure 5.9: Velocity magnitude fields (u) in three different planes obtained from
the four numerical velocity magnitude simulations aimed at analysing the difference
induced by the rheological properties of the fluid used.

transitional and turbulent haemodynamics with irregular velocity and pressure
fluctuations, and elevated WSS gradients [Cheng et al., 2010, Andersson et al.,
2019]. In this work, chaotic fluctuations of velocity are thus expected in the
aortic domain.

5.3.2

Flow rate and pressure waveforms

As a result of the personalisation procedure, the experimental inlet flow rate
curve had a total cycle time of 0.82 s, resulting in a heart frequency of 73 bpm,
mean flow rate of 137.41 ± 5.4 ml/s and SV of 106 ± 4.4 ml, closely matching
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Figure 5.10: Percentage velocity difference in three different planes obtained by
comparing the KSNC solution model against the Newtonian blood model and the
two CY models.

the parameters extracted from the 2D PC-MRI (Figure 5.2).
Figure 5.11 shows experimental flow rate and pressure curves acquired
at BT, LCC, LSA and DA. The oscillations observed in the pressure curves
are due to the action of the mechanical valve and correspond to its opening
and closing phases. They decrease in amplitude moving further from the aortic inlet, with maximum oscillations recorded for BT and minimum for DA.
Overall both flow and pressure waveforms show physiological ranges shape
characteristics.
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LCC

Mean = 10.45 ml/s

Mean = 15.00 ml/s

The data was compared to the available clinical information. The largest
difference was found in the CO distribution of the upper branches (the target
IN

mean flow rate of BT exceeds the upper experimental bound by 1.5 ml/s) while
only 0.1% difference was found in the mean flow rate of DA between the in
DA

LSA

vivo data and inMeanvitro
model. The minimum inlet diastolic pressure
= 82.24 ml/s
Meanobtained
= 10.53 ml/s
in vitro was 74.13 ± 2.7 mmHg, which compares well with the target clinical
diastolic value of 76 mmHg. The peak pressure value was difficult to compare
due to the oscillations due to the valve.
These results suggest that the personalisation
procedure and 0D model
DA
were able to represent the physiological behaviour of the vessel and reproduce
the patient-specific features of the case under investigation. Table 5.3 and 5.4
lists the parameters of the 0D model used for the aortic R-L building-blocks
and 3WK models (Figure 5.4), respectively.
BT

BT

LCC

LSA

LCC

Mean = 15.00 ml/s

Mean = 10.45 ml/s

Mean = 103.03 mmHg

Mean = 107.15 mmHg

IN

DA

LSA
Mean = 82.24 ml/s

Mean = 10.53 ml/s

Mean = 106.03 mmHg

Mean = 105.18 mmHg

DA

Figure 5.11: Experimental flow rate and pressure curves, and their mean value,
acquired at the outlets of the anatomical domain. Experimental data are reported
with the standard deviation.
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Table 5.3: Values of the resistances (R) and inertances (L) constituting the
building-blocks of the 0D model for the patient, shown in Figure 5.4.

Aortic segment

R [mmHg s ml−1 ] L [mmHg s2 ml−1 ]

AA

4.99 · 10−5

8.28 · 10−4

BT

7.05 · 10−4

2.36 · 10−3

LCC

1.10 · 10−2

9.47 · 10−3

LSA

2.50 · 10−3

4.19 · 10−3

DA1

1.06 · 10−3

7.66 · 10−3

DA2

1.65 · 10−4

1.34 · 10−3

Table 5.4: Values of the resistances (R1 and R2 ) and compliance (C) of the 3WK
of the branches of the 0D model for the patient, shown in Figure 5.4.

3WK

R1 [mmHg s ml−1 ] R2 [mmHg s ml−1 ] C [ml mmHg −1 ]

BT

0.25

6

0.3

LCC

0.63

10

0.07

LSA

0.57

10

0.07

DA

0.01

1.15

0.3

5.3.3

Haemodynamics derived via Particle Image
Velocimetry

PIV-derived, phase-averaged velocity field images of the proximal part of the
aortic arch are illustrated in Figure 5.12, at nine instants of the cardiac cycle.
The contour colour represents the velocity magnitude and overlapped streamlines indicate the flow direction. The figure shows how the flow develops over
time; highly organised motion is observed during the systolic phase, reaching
a velocity of 0.8 m/s‖ at peak systole (t = 0.225 s); a flow separation region
can be observed at the beginning of the deceleration phase (t = 0.405 s) and
disorganised and complex flow fields characterise the diastolic phase.
‖ The

average aortic inlet velocity was 0.18 m/s while the maximum inlet velocity, at
peak systole, was 0.6 m/s.
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Figures 5.13 and 5.14 (additional results are available in Appendix D,
Figures D.4 and D.5) show both phase-averaged velocity magnitude (hui) and
velocity fluctuations (u0 ), calculated according to Equations 4.8 and 4.10. The
images are shown at three instants of the cardiac cycle – peak systole, mid
deceleration and mid diastole – at both the proximal part of the aortic arch
(Figure 5.13) and proximal part of the descending aorta, where both TL and FL
are present (Figure 5.14). At peak systole the flow is well organised throughout the domain, both in the aortic arch and proximal part of the TL; and
high velocities can be seen, with maximum values reaching 0.9 m/s‖ where the
dissection causes a narrowing to the cross-sectional area (Figure 5.14, TL).
The flow then decelerates, and during diastole non-organised streamlines characterise the behaviour in the aortic arch and TL. Back-flow, vortex formation
and stagnant flow regions are observed. Because of the absence of a secondary
tear in the IF, and wall approximation, there is not significant blood flow in
the FL and measured velocities are low, with values < 0.05 m/s. Recirculation regions, stagnant and disorganised flow are observed in this area during
the whole cardiac cycle. In particular, two main vortices can be noted in the
FL, highlighted by the streamlines (Figure 5.14). Unlike in the TL, no significant variation of velocity is observed in the FL during the cardiac cycle and,
interestingly, velocities show higher values during diastole.
Similarly to what was observed in Chapter 4, the fluctuating velocity increases in magnitude over the cardiac cycle and exhibits a more dominant
behaviour when the flow field is highly three-dimensional: during the diastolic
phase in the aortic arch and TL, and during the whole cardiac cycle in the
FL (Figures 5.13 and 5.14). In these regions, the magnitude of the fluctuating
velocity is comparable with the phase-averaged one. In this context, the component u’ accounts for the combined effect of experimental error, inter-cycle
variations and small scale turbulent motions in the flow.
A similar behaviour is observed when analysing the development of vorticity during the cardiac cycle, in both the TL and FL, shown in Figure 5.15.
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Viscosity-induced friction shear at the wall, which acts as a source of vorticity,
is evident in near-wall regions in the ascending part of the aortic arch; therefore, it should be noted that the vorticity observed during the systolic phase is
not related to the formation of vortical structures. In the aortic arch and TL
vorticity varies in time, highlighting the three-dimensional and disorganised
flow patterns during deceleration and diastole, whilst in systole an irrotational
flow region is observed outside the near-wall boundaries. On the contrary,
vortex formation is present throughout the cardiac cycle in the FL and the
two vortices noticed in the velocity field (Figure 5.14) are here evident; one
clockwise and one anticlockwise, with vorticity up to 30 s−1 , both in proximity
of the tear location.
Low values of shear rate are found in the FL, as shown in Figure 5.16. This
behaviour, together with small vortices and stagnant flow, has been linked to
FL thrombus formation in a murine model of AD [Yazdani et al., 2018], where
low shear rate was found at both ends of the FL, regions where thrombus starts
depositing. In the same area, clot formation can be noticed in the clinical images of the patient under investigation as well. However, it should be noted
that in this case only one entry tear was present and thus represents a particular condition. Nonetheless, prediction of the location and extent of thrombus
formation in the FL could significantly contribute to the clinical decision making. Although further studies with a large cohort of patients are required to
investigate this aspect and test the validity of model predictions, the present
study suggests that it might be possible to predict possible thrombus locations
by identifying regions of low shear from haemodynamics.
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Figure 5.12: PIV-derived velocity magnitude hui in plane A3 at nine different
instants of the cycle.
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Figure 5.13: PIV-derived velocity magnitude hui and velocity fluctuations u0 in
plane A1 at three different instants of the cardiac cycle.
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Figure 5.14: PIV-derived velocity magnitude hui and velocity fluctuations u0 in
plane B4 at three different instants of the cardiac cycle.
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Figure 5.15: PIV-derived vorticity in plane A1 and B4, FL at three instants of
the cardiac cycle. It should be noted that the vorticity observed during the systolic
phase at the boundary walls is not related to the formation of vortical structures
but induced by shear.
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Figure 5.16: Shear rate in the FL at peak systole and diastole.

5.3.4

In vitro in silico comparison

Figure 5.17 compares the experimental flow rate and pressure waves with those
predicted numerically, while in Figure 5.18 are compared the in vitro, in silico
and in vivo mean flow values.
The mean flow rate in vitro values were equal to 15.00 ml/s, 10.45 ml/s,
10.53 ml/s and 92.2 ml/s for BT, LCC, LSA and DA, respectively. In silico
waveforms agree both quantitatively and qualitatively with very good accuracy.
The numerical mean flow estimations were equal to 18.5 ml/s, 10.8 ml/s, 11.1
ml/s and 96.3 ml/s for BT, LCC, LSA and DA, respectively. The target in
vivo mean flow rate at the outlets are within the experimental range with the
only exception of BT, where the clinical value exceeds the upper experimental
bound by 1.5 ml/s, equivalent to an error of 6% (Figure 5.18).
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Figure 5.17: Comparison between in vitro and in silico flow rate and pressure
curves acquired at BT, LCC, LSA and DA.
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Figure 5.18: Comparison between mean flow rate values at the aortic outlets
obtained with the experimental and computational models against the target clinical
values. Error bars are reported for the experimental data, which include the standard
deviation (SD) due to inter-cycle variability.

Flow rate peak values also show very good agreement, with a maximum
difference of 20.2% in the LSA, where the experimental data underestimate the
value obtained computationally. It should be noted however that the in silico
peak value falls within the in vitro standard deviation range. Experimental
and computational minimum and maximum pressure values show a very good
agreement, with the highest errors of -2.3% for the peak value at LCC, and
10.7% for the minimum diastolic value at DA. For quantitative comparison
purposes, the experimental filtered curve was considered.
The velocity fields of the sagittal planes A1 and A2 in the aortic arch
obtained by numerical simulations and PIV measurements are presented in
Figures 5.19 and 5.20, respectively. Due to optical constraints and light refraction, PIV-derived velocities are restricted to a region of the plane. The
figures show 3D streamlines obtained numerically to highlight the 3D patterns
of the flow, already deduced from the PIV-derived data shown in the previous
section: ordered streamlines characterise the systolic phase in the TL where
the fluid flows in parallel layers while disturbed and three-dimensional flow
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can be observed in diastole. The numerical and experimental velocity results
exhibit the same spatial distribution and values, and good overall qualitative
agreement is found comparing the contour plots obtained at different instants
of the cycle. In the TL, higher discrepancies in the velocity distribution are noticed during diastole, in both planes A1 and A2. This can be attributed mainly
to higher three-dimensionality of the flow and corresponds to the instant of
the cycle where the fluctuating velocity showed elevated values.
The increase of the velocity peak due to the narrowing of the TL caused
by the FL can be observed in both PIV and CFD results (Figure 5.21) with
a maximum value of 0.9 m/s∗∗ . Disturbed flow and recirculation are observed
throughout the whole cardiac cycle in the FL as indicated by the 3D streamlines in Figure 5.21. Discrepancies between the numerical and experimental
model are higher in this region, even when the same range of velocity values is
observed. It should be noted that higher values of velocity fluctuations were
found in the FL, which can be to larger experimental errors herein due to small
values of velocity combined with laser light refraction caused by the complex
geometry curvature.
A quantitative comparison of the peak in-plane velocity is shown in Figure
5.22. The maximum velocity values in Plane A1 are plotted over time in the
same eighteen instants of the cardiac cycle for numerical CFD predictions and
PIV-derived data. The two data sets compare well at all times. The highest
discrepancy is noted at peak systole where the CFD model predicts a peak
velocity of 0.98 m/s whereas the PIV data 0.79 m/s. This could be due to
the model approximations and assumptions made that will be discussed in
the following section. Overall, as indicated by Figure 5.19, the agreement
numerical and experimental data is very good.

∗∗ The

average aortic inlet velocity was 0.18 m/s while the maximum inlet velocity, at
peak systole, was 0.6 m/s.
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Figure 5.19: Comparison between experimental PIV-derived phase-averaged velocity fields hui at different instants of the cycle (left column) and corresponding
numerical predictions (middle column)(Plane A1). The figure also shows 3D streamlines obtained by the CFD simulation (right column).
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Figure 5.20: Comparison between experimental PIV-derived phase-averaged velocity fields hui at different instants of the cycle (left column) and corresponding
numerical predictions (middle column)(Plane A2). The figure also shows 3D streamlines obtained by the CFD simulation (right column).
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Figure 5.21: Comparison between experimental PIV-derived phase-averaged velocity fields hui and corresponding numerical predictions (Plane B4, TL and FL).
The figure also shows 3D streamlines obtained by the CFD simulation.
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Figure 5.22: Peak velocity magnitude comparison between numerical predictions
and experimental PIV results. The maximum velocities were calculated in plane
A1. The vertical error bar represents the standard deviation, the horizontal bar
represent the time uncertainty due to different time resolution between the model
and the experiment.

5.4

Discussion

The work described in this chapter represents a significant advance of the
current state of the art of AD haemodynamics. The entirety of published in
vitro models of AD are limited by simplified assumptions regarding the choice
of BCs as well as, often, of the morphological features of the vessel.
In contrast, in this work, the first patient-specific experimental model
with both vessel geometry and BCs tuned by in vivo data was described. Non30

invasive data was used to tune the behaviour of the pulsatile pump system
20

Shear Rate [1/s]

and afterload simulators to adapt the platform to reproduce personalised pa10

tient conditions. The experimental flow and pressure waveforms
obtained were
0
validated against in vivo data and demonstrated the capability
of the tuning
-10
procedure.

-20

-30
Moreover, this work is the first to apply PIV to investigate
the haemo-

dynamics of TL and FL in a patient-specific AD model. Flow characteristics
were obtained at different instants of the cardiac cycle. Organised flow was
observed in the systolic phase, with velocities reaching 0.9 m/s in the TL due
to the narrowing induced by the dissection in the proximal part of the FL.
Physiological CO distribution was found between the upper branches and the
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DA. On the contrary, when the flow decelerates during diastole, stagnant flow,
recirculation and back-flow were observed in the vessel lumen.
No flow was found in the FL due to the absence of a secondary tear and
the rigid wall approximation. In this region, vortices were found throughout
the whole cardiac cycle and no significant difference in the values of velocities
between systole and diastole was obtained on average. Low values of shear rate
were found in the proximal part of the FL. In this region, thrombus formation
was also noted in the clinical MRI images, supporting the previously reported
possible correlation between low shear and clot formation.
In vitro and in vivo data were used to inform an in silico CFD model and
compare the results. Qualitative and quantitative comparisons were carried
out and flow rate and pressure waveforms, as well as velocity haemodynamics
in the TL and FL showed very good agreement overall. The combination of
experimental and numerical tools, informed by clinical data, was successfully
implemented; this was facilitated by a the methodology developed to inform
both models with the correct BCs for validation purposes. This work demonstrates how in vitro and in silico tools can be developed in synergy to reproduce
patient-specific AD cases. More importantly, it demonstrates how these models
can complement each other with the goal of improving clinical outcomes. Once
fully, reciprocally validated these tools can overcome each other’s limitations.
Experimental facilities, such as the one demonstrated here, allow performance
evaluation of physical medical devices that would require computationally expensive numerical models. Realistic phantoms and flow conditions reproduced
in vitro can also be used for surgical training and pre-procedural planning for
AD. On the other hand, CFD models allow the estimation of three-dimensional
variables and the calculation of related clinically-relevant parameters†† , which
cannot be measured in vitro without the need for additional equipment (e.g.
†† For

instance, it is well known that wall shear-stress (WSS) affects the endothelium and
plays a key role in arterial remodelling. Several indices, extracted from WSS, have been
reported (e.g. TAWSS, OSI, RRT) and related to clinically relevant phenomena, such as
thrombus formation, aneurysm rupture, or disease progression.
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Tomographic PIV).

5.4.1

Limitations

This work was carried out under the rigid wall assumption to model the
patient-specific aortic phantom. This represents a limitation as it has been
demonstrated that vessel compliance is an important parameter in aortic modelling. For instance, a rigid wall model could not accurately predict the transmural pressure between TL and FL, which on the contrary represents an important physiological variable in AD. The difference between the rigid wall
model and the compliant one was described in Bonfanti et al. [2018] for the
same case-study. The compliant model predicted higher systolic pressure in
the TL and higher diastolic pressure in the FL and, because of the wall motion, higher flow rate was found in the FL. However, for this specific case
of chronic AD, where only one tear was present in the IF, the computational
model predicted a maximum displacement of less that 0.75 mm in the arch and
descending aorta. Consequently, the rigid wall motion was deemed acceptable
for the purpose of this study. Nonetheless, the manufacturing of phantoms
with physiological mechanical properties should be addressed in future work.
In the present study a compromise had to be made with regards to the
rheology of the blood mimicking fluid. A fluid with lower viscosity and higher
density had to be utilised to satisfy refractive index requirements. The impact
of rheology on the measured velocities was investigated by CFD. A maximum
difference of only 2% was found in the TL between the velocities obtained
with the selected fluids. Therefore, for the aims of this work, the approximation of the working fluid was considered acceptable. However, non-Newtonian
behaviour can play a significant role in AD. Since regions of low velocities are
found in the FL and indices such as TAWSS‡‡ , which have significant clinical interest, are expected to be affected by blood rheology. To demonstrate
‡‡ TAWSS

is an important haemodynamic parameter that has been related with vascular
remodelling, expansion and aortic rupture. The index is related to a three-dimensional field
and can be extracted from CFD simulations. However, it cannot be correctly described with
planar PIV data.
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this, TAWSS predicted numerically, using different rheological assumptions,
can be seen in Appendix C, Figure C.2. This numerical exercise highlights
that important haemodynamic parameters can vary with blood rheology even
if the latter shows negligible effects on the predicted velocity field. Future
work should therefore address this limitation by employing an in vitro blood
mimicking fluid with physiological rheology parameters.

5.5

Conclusions

This chapter presented a novel, tunable patient-specific in vitro model of AD.
Flow and pressure waveforms as well as PIV-derived haemodynamics were
acquired and extensively compared against in vivo data and in silico predictions. The good agreement found between experimental and clinical data
demonstrates that the developed experimental approach is able to successfully
reproduce personalised physiological conditions. It should be noted that the
use of the experimental platform can be extended to simulate the impact of
other conditions, such as exercise or hypertension.
The in vivo, in vitro and in silico approach demonstrated in this chapter
opens new avenues and opportunities in AD research and clinical translation.
A close integration between experimental and numerical models, informed by
clinical data, results not only in rigorous validation but also allows to enhance
the capabilities and overcome the limitations of each approach. For instance,
numerical models allow the estimation of indices that are more difficult to
predict in vitro, such as TAWSS, which are clinically relevant. On the other
hand, experimental platforms allow physical testing of surgical strategies or
devices and the analysis of intervention consequences in real time.
The PIV data described in this chapter will be further processed in the
next chapter to evaluate the feasibility of reduced order modelling for AD,
which could be used for the development of more computationally efficient
numerical models for clinical translation.
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Chapter 6
Reduced Order
Modelling via Proper
Orthogonal
Decomposition
In this chapter, PIV-measured data in the patient-specific
AD domain were analysed by means of Proper Orthogonal
Decomposition to investigate the applicability of reduced order modelling for the development of more computationally
efficient numerical models.

6.1. Introduction

6.1

Introduction

As seen in the previous chapters, CFD modelling of complex haemodynamic
conditions can be a very useful tool to analyse patient-specific haemodynamics
of vascular diseases, providing information information impossible to be obtained in vivo. In concert with experimental tools, once fully validated, they
can be an invaluable tool for clinical support, disease progression predictions
and surgical treatment planning. However, the compromise between model
accuracy and complexity, is still debated in the scientific community. Oversimplifications of the geometrical domain and boundary conditions can lead
to non-realistic results. On the other hand, increasing the model complexity
further complicates the solution increasing the computational time and often
introducing parameter uncertainty.
The issue of high computational cost still represents a problem for the
clinical translation of these numerical models, especially when considering the
time-scales of acute pathological stages. To address this problem, Reduce Order Models (ROMs) have been studied intensively in the last decades to enable
faster calculations of fluid dynamic problems [Quarteroni and Rozza, 2007].
The main idea is to approximate the large-scale problems by smaller ones,
which yields to less accurate results but can be also solved with significantly
less computational complexity and time.
In order to reduce the problem, different methods have been developed.
The most commonly used method for model reduction of time-dependent problems is Proper Orthogonal Decomposition (POD), often used in the literature
for incompressible flows (e.g. see Balajewicz and Dowell [2012], Bazilevs et al.
[2011]). POD is commonly employed in fluid mechanics, for example to identify
coherent structures in flow fields. By identifying the energetically dominant
modes in the flow of interest, it allows to break down the flow into large and
small scale structures. POD has been applied to several fluid dynamic problems but is relatively new in biomedical applications and has been applied to
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only a few vascular flow studies (see Grinberg et al. [2009], Kefayati and Poepping [2013], Chang et al. [2017], Byrne et al. [2014], Janiga [2019] for recent
publications∗ ).
In this Chapter, POD was implemented to decompose the AD PIV-derived
flow fields described in Chapter 5, breaking down the problem into a lowdimensional basis. Secondary and tertiary flow structures in the aortic flow
were then analysed identifying the dominant ones. Lastly, by reconstructing
the original flow using the low-dimensional structures, the potential of using
ROM to develop more computationally efficient personalised CFD models for
AD is discussed.

6.2

Methods

Figure 6.1 shows a schematic of the approach followed.
The Full Order Model (FOM) of the haemodynamic problem was created
in Chapter 5 (black part of the figure). This led, more specifically, to the
experimental model (PIV measurements) and the CFD one (solved via the NS
equations).
In this chapter, the state reduction of the problem was then performed
projecting the FOM-PIV velocity u(x, y, t)F OM and vorticity ω(x, y, t)F OM
fields onto POD bases to reduce the dimensionality of the problem (Galerkin
projection). The experimental ROM e was so identified and the ROM-derived
flow field reconstructed (green part of the figure).
Last, the ROM-reconstructed flow field features were compared to the
FOM-derived ones and the errors introduced when considering a lower dimensional model were assessed. The feasibility of ROM could then lead to the
∗ Grinberg

et al. [2009] detected transitional flow in stenosed carotid bifurcations using
POD based on CFD data. Kefayati and Poepping [2013] used a combination of PIV and
POD to study transitional flows in stenosed silicon models, Chang et al. [2017] applied
POD to estimate the flow induced WSS of simplified computational models of abdominal
aortic aneurysm. Byrne et al. [2014] introduced entropy to quantify the flow instability of
intracranial aneurysm using POD. More recently, Janiga [2019] employed this technique to
decompose the spatial-temporal information of pulsatile blood flow into individual spatial
modes in order to identify primary and secondary flows for unsteady blood flow visualisation.
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development of novel computational tools for AD (ROM c ) (yellow part of the
figure), as discussed in the conclusions of this chapter.
FOMs
Error quantification

NS

CFD

Vessel
anatomy
Boundary
conditions

PIV

u(x,y,t)FOM
ω(x,y,t)FOM

ω(x,y,t)ROM
u(x,y,t)ROM

ROMc
NSp

CFD

POD
State
reduction

ROMe

Figure 6.1: Schematic of the approach followed in this chapter, comprising three
phases. The first, the development of FOM models, was performed in Chapter 5
and led to the experimental PIV model and a computational CFD one (black part
of the figure). The second phase involves the creation of a ROM e based on the
original PIV-derived velocity fields through POD. In the last phase, velocity fields
reconstructed from the ROM e were compared to the original PIV-derived ones and
the errors involved were assessed (green part of the figure). The applicability of
numerical ROM c for aortic studies was then evaluated (NSp, Parametrised NavierStokes equations)(yellow part of the figure).

6.2.1

Proper Orthogonal Decomposition

Proper Orthogonal Decomposition has been adopted by the fluid dynamic
community as a means to decompose a random vector field of turbulent flow
into a set of deterministic functions - POD modes - that capture a certain
portion of the total fluctuating kinetic energy of the flow field. A brief overview
of the method is presented here, while a more extensive review can be found
in Berkooz et al. [1993].
The POD method decomposes the flow under investigation into a set
of modes where structures are arranged depending on their energy content.
The higher energy modes represent the coherent structures in the flow. The
decomposition can be performed using two methods: the direct method, which
is more computationally expensive, and the snapshot method. In this thesis,
the latter was used.
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The method is illustrated in this section considering a 2D-PIV example of
n = Nx x Ny spatial velocity vectors (u,v) measured on a Cartesian grid x, y
with a total number of m velocity fields. For simplicity only the velocity u is
considered in the calculations. The idea behind the POD is to decompose the
vector field u(x, y, t) into a set of spatial functions Φk (x, y), called the POD
modes, weighted by time-dependent coefficients ak (t) so that:
u(x, y, t) =

N
X

ak (t)Φk (x, y)

(6.1)

k=1

In order to perform the decomposition (Equation 6.1), the time-averaged velocity u(x, y) is first subtracted from each instantaneous velocity field, obtaining
a set of m fluctuating velocity fields u*(x, y, t) which include both coherent
and turbulent fluctuations.
u*(x, y, t) = u(x, y, t) − u(x, y)

(6.2)

For each instant, the dataset is then rearranged for computational purposes,
concatenating each individual velocity field into one single row (1 × n), and
stacking all the rows together in a m × n matrix U, called the matrix of snapshot:


 u1,1



 u2,1
U=
 .
 ..





u1,2

···

u1,n 

u2,2
..
.

···
...

u2,n 


.. 
. 

um,1 um,2 · · · um,n



(6.3)




A correlation matrix C (m × m) is then found as
C = UUT
and an eigenvector problem is formulated:
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CH = ΛH

(6.5)

where H is a matrix that contains the eigenvectors of C; and Λ is a diagonal
matrix in which Λii is the ith eigenvalue λi , which represents the energy concentrated in each mode. In order to obtain the spatial coefficients Φi , or POD
eigenmodes, the velocity data is projected onto the temporal modes
Φi = UT H

(6.6)

As shown above, the extraction of the POD modes is performed considering an eigenvalue problem for the velocity fluctuation correlation matrix.
Therefore, POD modes are ranked according to their energy content, with the
first mode having the highest energy content and the last the lowest. Once the
method has identified the dominant features of the flow under consideration,
the velocity field can be reconstructed from the POD modes and the mean
velocity as:
N
X

u(x, y, t) = u(x, y) +

ak (t)Φk (x, y)

(6.7)

k=1

The total energy captured by the POD modes of an experimental dataset is
defined as the sum of all the eigenvalues λi
ET = λT =

N
X

λi

(6.8)

i=1

while the energy of the nth mode En , is defined as
En =
6.2.1.1

λn
λT

(6.9)

Fluid flow decomposition

In this thesis, POD was applied to the instantaneous velocity field obtained
from PIV measurements to decompose the flow and reduce the dimensionality
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of the haemodynamic problem.
Physically, this allowed to discern coherent flow structures and random
turbulence, both present in the PIV data and often difficult to isolate. Mathematically, these correspond to POD high energy (containing macroscopic features), and low energy modes (related to experimental error and small-scale
turbulence), respectively.
In Chapters 4 and 5, the Reynolds decomposition was used to separate
the velocity field into its phase-averaged part hu(x, y, t)i (macroscopic feature)
and its fluctuating part u0 (x, y, t), which corresponds to the low energy modes.
u(x, y, t) = hu(x, y, t)i + u0 (x, y, t)

(6.10)

However, when considering a flow that displays a periodic behaviour, such
as pulsatile blood flow in vessels, triple decomposition of the instantaneous
velocity can be performed in order to distinguish the turbulence and error
fluctuations from organised motion. The instantaneous velocity field u can be
considered as a sum of the average fluctuations u, the periodic fluctuations ũ
and the turbulent ones u0† :
u(x, y, t) = u(x, y) + u0 (x, y, t) + ũ(x, y, t)

(6.11)

POD high energy modes correspond then to periodic flow features ũ(x, y, t),
while the low energy ones contain information related to experimental error
and small-scale turbulence, described by u0 (x, y, t).
6.2.1.2

POD applied to vorticity fields

The same mathematical procedure was applied to the vorticity field, instead
of the velocity one. Previous works reported that vorticity decomposition
captures the fluctuating enstrophy more efficiently than the equivalent velocity
one, considering the same number of modes [Kostas et al., 2005]. Moreover,
notation u* used in Equation 6.11 includes both coherent ũ and turbulent u0
fluctuations.
† The
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it has the advantage that the overall number of computations is lower, since
there is only one component of vorticity, compared to two velocity components
(considering 2D data, like the ones obtained from PIV measurements). In this
thesis, vorticity-based POD was applied to the same 2D PIV data and the
results were compared to the velocity-based POD.

6.2.2

State reduction and PIV-based ROM analysis

State reduction of the problem was performed projecting the FOM-PIV velocity
and vorticity fields acquired on plane A1 (see Chapter 5) onto the POD bases,
creating the ROM e .
Applying the POD to velocity and vorticity fields will rank the structures
according to the contribution of kinetic energy and enstrophy‡ , respectively
[Kostas et al., 2005]. Velocity and vorticity based eigenvalues were calculated
and the cumulative total energy and enstrophy were observed.
POD spatial modes and temporal coefficients were analysed to characterise specific flow features - coherent structures - in the pulsatile aortic flow,
separating the periodic and random fluctuating structures from the mean flow.
The temporal characteristics of the flow were investigated by analysing
the temporal coefficients of the most energetic POD modes. In particular,
when the POD technique is applied to periodic flow fields dominated by largescale convective structures, the first POD modes can be found to occur in pairs
containing the same energy. The periodic nature of the flow is reflected in the
sinusoidal variation of the first two time coefficients, and
a1 (φ) =

q

2λ1 sin(φ)

a2 (φ) =

q

2λ2 sin(φ)

(6.12)

where φ = 2πf t and f is the frequency of interest§ . To investigate whether this
behaviour is apparent in the aortic flow, the relation between coefficient a1 (Φ)
and a2 (Φ) was investigated for both velocity and vorticity-derived POD. Then,
‡ Enstrophy

is defined as kωk2 .
approach has been used in different studies, for example see Imomoh et al. [2010]
and Ducci et al. [2008].
§ This
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the spatially-resolved eigenfunctions Φn for the relevant modes were analysed
plotting the velocity and vorticity fields. Super-imposed pseudo-streamlines
were used for illustration purposes on the eigenflows, but it should be noted
that they do not convey any information on temporal variations.
Last, flow field reconstruction from the ROM e was performed according to
Equation 6.7. First u(x, y, t) was reconstructed using all the modes to verify the
accuracy of the mathematical calculations. Then, it was reconstructed using
only a selected number of modes (i.e. Φ1-2, Φ1-5 and Φ1-20) and the solution
was compared to the original PIV-derived velocity field at different instants
of the cardiac cycle to quantify the differences. The overall reconstructed
flow fields were first qualitatively compared to the original ones. Then the
percentage difference between the reconstructed velocity magnitude and the
original one was calculated for selected time instants of the cardiac cycle as
follows:
 [%] =

6.3
6.3.1

u(x, y, t)F OM − u(x, y, t)ROM
ū(t)F OM

(6.13)

Results and Discussion
Velocity and vorticity based eigenvalues

The cumulative kinetic energy and enstrophy are shown in Figure 6.2 for velocity and vorticity based POD, respectively. The cumulative kinetic energy
increases at higher rate compared to enstrophy. As can be observed from Table 6.1, more than 90% of the kinetic energy is reached when considering the
first 20 modes only, whereas the corresponding cumulative enstrophy is just
56.44%. Therefore less modes are required to capture 90% of the total energy
when POD is applied to velocity data compared to the vorticity based one.
At first, this would appear to be in contrast with what reported in fluiddynamic studies of other applications, such as fluid mixing or separation flows
(e.g. backward-facing step), where vorticity-based decomposition has been
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reported to be more effective in determining dominant structures within the
flow [Kostas et al., 2005].
However, the vorticity plots of Chapter 5 (for example, see Figures 5.12
and 5.15) showed that vorticity becomes apparent in the TL during diastole
when the flow is characterised by non-organised streamlines, recirculation regions and vortex formation; these are not associated with coherent structures
but rather are related to low kinetic energy modes accounting for small scale
turbulent motions and inter-cycle variations.
In view of the above and since the aim is to investigate the feasibility of
ROM for AD flow description, velocity-based POD will be mainly considered.
Table 6.1: Percentage of total kinetic energy and enstrophy captured by different
groups of modes calculated from velocity and vorticity based PIV, respectively.

Vorticity POD
M odes λt /λT [%]
1-2
35.81
1-5
43.06
1-20
56.44
1-50
74.29
1-100
90.26
1-160
98.83

 𝜆𝑛 /𝜆𝑇 [%]

Test 3

Velocity POD
M odes λt /λT [%]
1-2
83.49
1-5
88.48
1-20
93.70
1-50
97.24
1-100
99.23
1-160
99.93

Mode number

Figure 6.2: Cumulative kinetic energy and enstrophy contributions. The black
line corresponds to the velocity-based POD and the blue line to the vorticity-based
POD.
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6.3.2

Test 3

Eigenflows and temporal coefficients

Average values of velocity and vorticity (corresponding to the zero mode) are
shown in Figure 6.3 and selected eigenflows and eigenvorticity maps (first six
eigenfunctions) are shown in Figure 6.4.

total kinetic energy. The velocity field of the first eigenfunction shows organised motion in the opposite direction compared to the average flow field.
This represents the back-flow characteristics of the aortic flow field. The other
eigenflows, on the contrary, show disturbed motion and recirculation regions
in different areas of the aortic arch, as evident by the pseudo-streamlines. It
should be noted that darker colours represent larger local values. The same
number
behaviour can be observed in theMode
vorticity-based
POD, with the first eigenvor-

ticity map showing an opposite trend to that for average vorticity. Moreover,
the vorticity-based eigenfunctions Φ2 and Φ3 exhibit, in some regions, vortices
symmetrical with respect with the centreline of the vessel.

𝐮
ഥ

ω
ഥ
300

Vorticity ω [1/s]

 𝜆𝑛 /𝜆𝑇 [%]

The first 6 velocity-derived modes are responsible for almost 90% of the

0

-300

Figure 6.3: Mean velocity field and vorticity contour representing Φ0 for the
velocity-based and vorticity-based POD, respectively.
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φ=1

φ=2

φ=3

φ=4

φ=5

φ=6

Vorticity ω [1/s]
300

-300

Figure 6.4: Velocity fields and vorticity contours of the first six eigenfunctions
obtained from the velocity and vorticity-based POD, respectively. Super-imposed
pseudo-streamlines were used for illustration purposes, but it should be noted that
they do not convey any information on temporal variations.

The temporal coefficients of the first 6 modes are shown in Figure 6.5
for the velocity (left column) and vorticity (right column) based POD. The
temporal coefficients of the first three modes appear to oscillate at the same
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frequency as the cardiac cycle (f = 73 bpm = 1.2 Hz), with similar amplitude.
For both velocity and vorticity based POD, the first temporal coefficient essentially reflects the shape of the inlet flow waveform. The second mode presents
a very similar shape too, but reflected, with higher oscillations, and slightly
phase-shifted. The coefficients for the first three modes exhibit periodic characteristics. As the mode number increases, the temporal coefficients start to
show irregular patterns and higher frequency oscillations, with disturbances
becoming equally spaced throughout the cardiac cycle. This behaviour might
be related to rapid velocity fluctuations and be an indicator of a transitional
turbulent regime, as well as background fluctuations due to experimental noise.
The results are in very good agreement with those described by Kefayati and
Poepping [2013] in a stenosed artery.
The eigenspectrum highlighted that the eigenvalues λ2 and λ3 have similar
orders of magnitude, suggesting that they may be correlated to similar coherent
structures.
The phase-averaged non-dimensional temporal coefficients a∗1 and a∗2

¶

for

both velocity and vorticity-based POD are plotted in Figure 6.6. If Equation
6.12 is satisfied and the periodic nature of the flow reflected in the sinusoidal
variation of the first two coefficients, these should form an ellipse in space (a1 ,
a2 ), defined as:
a2
a21
+ 2 =1
2λ1 2λ2

(6.14)

The vorticity-based POD figure does not show a specific pattern, but the
velocity-based coefficients appear to be arranged in an organised structure,
indicating orthogonality, despite the scarce number of points available. An
interesting observation arises when investigating the relation amongst the first
three coefficients – a∗1 , a∗2 and a∗3 . Figure 6.7 plots the first mode normalised‖
coefficient a∗1 against the second a∗2 and third a∗3 ones and highlights an existing
√
a∗n = an / 2λn
‖ The coefficients were normalised as a = 2(a − min(a ))/(max(a ) − min(a )) − 1
i
i
i
i
i

¶ where
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Velocity based POD

Vorticity based POD

φ=1

φ=2

φ=3

φ=4

φ=5

φ=6

Figure 6.5: Variation of the temporal coefficients of the first six modes with time.
The left column corresponds to the velocity-based POD and the right one to the
vorticity-based POD.

and more complex organisation amongst these modes. This behaviour highlights the interdependent relation and energy transfer between the first three
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modes and may correspond to energy transfer amongst different periodic struc*
tures within the flow
A similar ‘triadic interaction’
a(φ)field.
a(φ)2*has been reported
2

by Gabelle et al. [2017] in u-based
stirred
POD tank flow, who attributed
ω-based POD the behaviour to
*

a(φ)1*

a(φ)1*

non-linear interactions between the modes.
u-based POD

a(φ)1*

a(φ)1*

a(φ)2*

a(φ)2*
ω-based POD

a(φ)1*

a(φ)1*

u-based POD

ω-based POD

a(φ)2*

a(φ)2*

a(φ)3*

a(φ)3*

Figure 6.6: Scatter plot of normalised phase-averaged velocity and vorticityderived POD coefficients a1 and a2 . The grey points represent the coefficients for
a(φ)2*circle of radius 1 is also shown
a(φ)2*
all the modes. A theoretical
as a yellow-dotted line.

ω-based POD

u-based POD

Figure 6.7: 3D scatter plot of normalised phase-averaged velocity-based POD
coefficients a1 , a2 and a3 . The grey points represent the coefficients for all the modes.
Red and blue lines connect the phase-averaged coefficients for better visualisation.

6.3.3

Flow reconstruction

Figure 6.8 shows the comparison between the original flow fields at three instants of the cardiac cycle, and the POD-reconstructed velocity fields using
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Φ1 − 2, Φ1 − 5 and Φ1 − 20. Very good agreement is found even by using
the first few modes at peak systole and in the descending part of the flow
curve, with some differences occurring in near-wall recirculation regions. However, more significant discrepancies are observed in diastole, both in terms of
velocity magnitude and distribution. Such differences were expected, as to
fully reconstruct and capture the small scale turbulent motions occurring at
diastole, higher number of modes should be included.
The percentage difference between the reconstructed flow field and the
original one are quantified and shown as contour plots in Figure 6.9 at three
instants. The variation of the maximum percentage error at the same instants
as a function of the modes considered is evaluated in Figure 6.10. The three
instants show different trends, with the diastolic one requiring more modes
to minimise the error, in agreement with the observations made above. The
figure also compares the differences between original and POD-derived flow
fields in terms of absolute values of velocities. It can be noted that when
reconstructing the flow with modes Φ1 − 20, the maximum error is equal to
0.05-0.06 m/s. These values are negligible when considering the flow in systole
but they are more important in diastole, where the phase-averaged velocity
magnitude ranges from 0 to 0.2 m/s.
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Original u(x,y,t)

φ 1-5

φ 1-2

φ 1-20

Velocity magnitude [m/s]

0.8

0.6

0.4

0.2

0

Velocity magnitude [m/s]

0.4

0.3

0.2

0.1

0

Velocity magnitude [m/s]

0.25
0.2
0.15
0.1
0.05
0

Figure 6.8: Contour plots of the velocity magnitude comparing the original flow
fields and the one reconstructed using modes 1-2, modes 1-5 and modes 1-20, at
three instants of the cardiac cycle.
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-80
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Modes φ 1-2
Modes φ 1-5
Modes φ 1-20
Figure 6.9: Contour plots of the velocity difference between the original flow field
and the POD-reconstructed one, at three instants of the cardiac cycle. Differences
are shown for flow reconstructed using modes 1-2, modes 1-5 and modes 1-20.
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Figure 6.10: The top part of the figure shows the variation of the maximum
percentage error , between the original flow field and the POD-derived one, as
a function of the modes considered. The three lines – blue, green and yellow –
correspond to three instants of the cardiac cycle. The bottom part of the figure
highlights the absolute values of velocity difference when using modes Φ1 − 20.

6.3.4

Towards numerical ROM of AD

From the results presented in the previous sections, it is evident that the first
two modes (Φ1 − 2) describe the coherent, macroscale structures of the aortic
flow field; their temporal coefficients show clear periodic behaviour and they
carry the largest kinetic energy. The length scale associated with modes Φ1 − 2
corresponds to the vessel diameter. The temporal coefficients of modes Φ3 − 5
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start to show irregular patterns and from mode Φ6 high frequency oscillations
are observed in the temporal coefficients and reflected in the eigenfuctions as
disturbed motions. With increased mode number, the kinetic energy carried
by the modes decreases, as well as the length-scale of described flow structures. This transition denotes the evolution into smaller scale motions, which
characterise the diastolic flow and describe turbulent motions within the flow.
Based on the auto-correlation of the vector fields associated with the different modes, it appears that modes Φ1−20 are sufficient to capture a length scale
of up to 6 mm. Including up to mode Φ50 would allow to reproduce smaller
length scales, of approximately 4 mm; to reproduce flow features smaller than
3 mm, mode Φ100 and above would be necessary.
Overall, the findings above demonstrate that the coherent structures that
characterise the aortic flow are described by the first few u-derived POD modes
(Φ1 − 20), and suggest that it is possible to successfully reconstruct the behaviour of the aortic flow in a low-dimensional space. It should be noted that
to do so, it is not necessary – or desired – to fully reconstruct the small scale
turbulent motions occurring in diastole.
Nonetheless, the methodology described is able to highlight whether turbulent phenomena are occurring or not, for instance analysing cumulative energy and enstrophy trends, which could lead to interesting fluid-dynamic and
clinical considerations. Turbulent blood flow in the human body is linked to
the pathogenesis of different cardiovascular disorders and has been reported to
negatively impact biological tissues [Ha et al., 2018]. Being able to assess the
presence of turbulent phenomena may therefore be interesting in future AD
works, for instance in anatomies with multiple FLs and IF connections.
The development of parametrised reduced-order models of the NS and
continuity equations (overall referred in this chapter as N Sp ) for AD could
therefore be a promising avenue of research∗∗ . This would allow the devel∗∗ For

example, Quarteroni and Rozza [2007] applied the reduced basis method to solve
the NS equations in parametrised domains.
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opment of computationally efficient numerical models to support AD clinical
decision making. These models can be implemented to reproduce the main
coherent structure of the flow field†† and should be developed alongside experimental models for validation purposes. Moreover, ROMc can allow for
optimization and design in fluid mechanics, moving towards real-time modelling. This would allow, for instance, to modify the geometry of a vessel (e.g.
increasing or decreasing a stenosis) and analyse the consequences on the flow
and pressure fields, which could serve as an initial step to investigate several
surgical options and select the most promising ones to be analysed in a FOM.

6.4

Conclusions

In this chapter, the time-dependent AD flow described by the measured PIV
velocity and vorticity fields was decomposed by means of POD to create a
ROM of the aortic flow. Large and small scale structures within the flow,
corresponding to more or less energetic modes, were evaluated and described
by means of eigenflows and eigenvectors. A triadic interaction was found between the first three modes of the velocity-based POD, which describe periodic
structures and may correspond to inter-mode energy transfer. This is worth
of further fluid-dynamic investigations to explore this aspect and analyse the
behaviour of these structures as a function of the variation of flow conditions
(e.g. Reynolds number). By combining only the most energetic modes to represent the flow, the technique, applied to complex vascular flow fields, leads to
a reduction in dynamic complexity and to identify the fundamental information in order to describe time-dependent haemodynamic data. In this work,
the aortic flow field and its coherent structures were successfully reconstructed
using only the first 20 modes of a PIV-based ROM, showcasing the potential
of this approach for the development of computationally efficient numerical
†† For

instance, Chang et al. [2017] developed a computationally efficient ROM to study
the flow patterns and the WSS distribution in simplified models of abdominal aortic
aneurysm; Buoso et al. [2019] developed a ROM of blood flow for non-invasive functional
evaluation of the pressure drop in coronary artery disease.
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models.
The final chapter summarises the main findings of this thesis and provides
recommendations for future directions of the research.

239

Chapter 7
Conclusions and
Recommendations for
Future Work
In this chapter the contribution of the thesis to the current
state of the art is discussed and the main findings of the
work are summarised. Recommendations for future work
are then presented in detail, addressing the limitations and
identifying areas of improvement.

7.1. Summary of achievements
The aim of this work was to develop in vitro devices and methodologies for
the assessment of personalised AD haemodynamics. To overcome the shortcomings of current in vitro AD works, the first objective was to develop a novel
experimental platform able to reproduce patient-specific vascular conditions.
The second objective was to develop an experimental framework to reproduce
a case study of AD and demonstrate the potential of combining experimental
tools with numerical predictions to tackle complex pathologies like AD. Finally, to facilitate clinical translation, the third objective was to consider the
feasibility of reduced order modelling to capture the main features of the aortic flow and support the development of computationally efficient numerical
models.
The main contributions and findings of this research are summarised below.

7.1

Summary of achievements

The first objective of this thesis was addressed by designing and developing
a novel mock circulatory loop able to reproduce physiological vascular conditions, as described in Chapter 2. The experimental platform allows for flow
rate and pressure waveforms acquisitions, as well as PIV-derived velocity flow
fields. It is informed by non-invasive clinical data to reproduce patient-specific
haemodynamic conditions. For the first time in experimental vascular haemodynamics research, the pulsatile pump system and afterload simulators were
tuned to represent a specific individual patient rather than using literature
data to simulate the average one.
A patient specific phantom reproduced the anatomical characteristics of
the dissected aorta of the selected patient, and different manufacturing options
were explored in Chapter 3. A novel avenue of research was investigated in this
context, by exploring the possibility of controlling the mechanical properties of
a flexible material to be used in a custom-made 3D printer. Promising results
were obtained but, because of the lack of optical transparency of the materials
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used and the additional complications introduced by compliant phantoms for
the aim of this work, a rigid phantom was used. Because of its compatibility
with PIV, a 3D rigid phantom printed via SLA was used to reproduce the
AD case study. The rigid wall assumption was deemed acceptable for this
specific case given the chronic stage of the pathology, the presence of only one
entry tear and the age of the patient. Computational simulations previously
conducted on this patient – accounting for patient-specific flexibility – showed
a vessel wall movement of less that 0.75 mm in the arch and descending aorta.
The tools developed in this thesis were used to experimentally reproduce
a patient-specific case study, as described in Chapter 5, to address the second main objective of this thesis. The mock circulatory loop was assembled
to reproduce a case study of Type-B AD. Physiological CO distribution and
pressure values were achieved and the PIV-derived velocity fields described
the flow behaviour in the aortic domain, including back flow, stagnant regions
as well as vortex formations. The work described in Chapter 5 represents a
significant advancement of the state of the art of AD in vitro research. It
represents the first patient-specific experimental model of AD, including personalised boundary conditions and accurate anatomical domain. Moreover, TL
and FL haemodynamics were analysed for the first time via PIV in a patientspecific phantom. The second aim of this thesis was also to demonstrate the
combined potential of numerical and experimental tools. To do this, in chapter
5, the in vitro case study was developed alongside in silico modelling. Results
obtained by a CFD simulation reproducing the experimental conditions were
compared to the in vitro ones. The work described demonstrated how in vitro
and in silico tools can be developed in synergy to reproduce personalised AD
cases, and can complement each other with the goal of improving clinical outcome by providing information impossible to achieve in vivo.
Lastly, to address the third objective of this thesis, in Chapter 6, POD
was performed on the PIV-derived flow field for model reduction of the timedependent problem. Reduced order modelling represents a promising avenue
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to address the issue of high computational cost of numerical models, which
may impede clinical translation. POD was applied for the first time on an
aortic flow and allowed to break down the flow field into large and small scale
structures, by identifying the energetically dominant modes within the flow.
By reconstructing the PIV-derived flow field from the ROM and comparing it
with the original one, it was demonstrated that only few modes are necessary
to capture the dominant structures that characterise aortic flow. Parametrised
reduced-order models of the NS equations can therefore be a promising avenue
of research for the development of efficient numerical models of AD.

7.2

Recommendations for future work

The work presented in this thesis represents a significant advancement of the
state of the art of in vitro AD haemodynamic modelling. With the overall
goal of precision medicine the methodologies and devices developed throughout
this thesis have the potential to facilitate clinical translation of numerical and
experimental tools. Performing patient-specific studies allows to reproduce
inter-patient variability. This highlights three key aspects, ultimately leading
to personalised vascular medicine.
First, it allows to study the condition of a specific individual, potentially
designing medical treatment accounting for a specific anatomy or haemodynamic features.
Second, being able to simulate several physiological complex conditions –
with tunable models and devices – allows to test medical devices and to train
medical doctors in realistic conditions, leading to the general improvement of
clinical management.
Last, simulating large cohorts of patients and accounting for variability
allows at the same time to detect similarities amongst cases, increasing the
understanding of the pathology. This would enable the patients to be subdivided into groups of individuals with the same characteristics (patient stratification) ultimately leading to the development of medical devices purposely
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designed for each group. Furthermore, it would allow to find correlations
between haemodynamic indices, morphological characteristics or surgical procedures with disease progression or clinical outcome.
Figure 7.1 shows a schematic of the envisioned work of patient-specific
models and personalised medicine development. With this goal, a number of
points have been identified as worthy of future work.
Further work is needed to address some of the limitations of the present
work. As described in Chapter 5, a compromise had to be made with regards
to the rheology of the blood mimicking fluid because of optical requirements
for PIV measurements. Future work should address this limitation by employing a working fluid with non-Newtonian behaviour and parameters tuned
to correctly reproduce blood. For instance, Xantham gum can be added to
the existing KSCN solution to reproduce the shear thinning and viscoelastic
behaviour of blood [Gijsen et al., 1999]. Moreover, a better refractive index
matching should be achieved to reduce the error induced by light refraction in
PIV measurements, either by lowering the RI of the phantom material or by
increasing the fluid one. The mismatch in the refractive index could also be
corrected by employing image anti-distortion post-processing algorithms (e.g.
see Morgan et al. [2013]). Moreover, PIV measurements can be improved by
increasing the number of images acquired per cycle by triggering the PIV acquisitions with the peak flow rate value (corresponding to peak systole). This
would allow to repeat the acquisitions several times controlling the trigger instant (allowing for instance to trigger at T = tpeak , T = tpeak + ∆t...). Lastly, to
enhance the haemodynamic analysis, tomographic PIV can be used to obtain
three-dimensional flow fields.
An interesting avenue of research was introduced in Chapter 3, investigating the feasibility of controlling the mechanical properties of the base material
of a custom made 3D printer. This would allow to target the Young’s modulus according to patient-specific clinical images (e.g. cine MRI data) and 3D
print a phantom that not only accounts for the correct anatomy but also for
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▪ Validation of in vitro and in silico models
▪ Insights into the pathology
▪ Test platform for novel medical devices or
Symptomspresentation

computer methods under development

Virtual patient
In silico /In vitro

Clinical

interpretation

Clinical
Outcome

Patient specific data
Medical
intervention
testing

Population data
Pre-operative, Post-operative,
Follow-up data and Virtual
surgery testing data

Precision vascular medicine

Figure 7.1: Schematic representation of future work envisioned based on this thesis.
Combined numerical and experimental tools, informed by patient-specific clinical
data allow the creation of virtual patients. The information collected by large cohorts
of patients – pre- and post-operative as well as the results of virtual interventions –
can be then used for the development of precision vascular medicine tools.

the correct compliance. Furthermore, the approach can lead to spatial controllability of mechanical properties as well, allowing to simulate, for instance,
a local stiffening within the same geometrical domain. Vessel wall properties
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vary greatly amongst patients according to age and pathology-related factors.
Moreover, the manufacturing of such phantoms would allow the validation of
numerical models simulating the spatially-variable flexible behaviour of the
vessel, that are currently lacking.
The personalisation and tuning procedures described in this thesis can be
further developed overcoming the time associated with manual iterations and
0D model implementation. This would increase the efficiency and expedite the
implementation of in vitro tools. Automated algorithms and machine learning tools can greatly improve the patient-specific parameter tuning procedure.
Moreover, automatic segmentation tools can support the vessel detection in
complicated geometries like AD. Significantly decreasing the time associated
with vessel segmentation and BCs tuning procedure, would lead to less time required to set up both numerical and experimental models and therefore, would
help expedite the methodologies leading to the modelling of more patients in
a shorter time.
In the context of minimising the computational time associated with current CFD models, another way of improvement can be the development of
reduced order models for aortic pathologies. Following the results of Chapter
6, the development of numerical models with parametrised NS equations would
greatly minimise the associated computational costs. More research should be
done in this field, starting by employing both PIV and CFD-based POD in
different AD case-studies to investigate the error associated with ROMs.
Lastly, following the overall goal of achieving personalised medicine, longitudinal studies with large numbers of patients are needed. Such studies can
for instance allow the individualisation of correlations between haemodynamic
variables and disease progression, or aid the surgical decision making process
by identifying the best treatment for groups of patients with the same characteristics. To achieve this, the approach presented in this thesis, combining
numerical and experimental tools informed by clinical data, should be first
applied to large cohorts of patients. Creating fully validated virtual patients
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of several AD cases can greatly increase the understanding of the disease and
provide information impossible to achieve in vivo. Virtual patients can be not
only used to simulate patient-specific conditions, but also to explore the wider
physiological envelope, allowing to analyse the potential consequences of several conditions, such as hypertension or exercise. In the following years, this
can significantly impact the clinical management of AD and, in turn, improve
the outcome of the patients.
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Appendix A
Pump System Validation of
Chapter 2
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Figure A.1: Comparison between (a) the analytical displacement and the one
registered through the feedback system of the motor; and (b) the analytical velocity
and the one registered through the feedback system of the motor.
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Figure A.2: Comparison between (a) the analytical displacement and the one
registered through the feedback system of the motor; and (b) the analytical velocity
and the one registered through the feedback system of the motor.

(a)

(b)

(c)

Figure A.3: Flow rate curves acquired with different cardiac frequencies – (a) f =
30 bpm ; (b) f = 38 bpm ; (c) f = 75 bpm – maintaining the same SV.
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Figure A.4: Comparison between flow rate curves acquired (a) upstream of the
mitral valve and (b) downstream of the aortic valve, in presence and absence of an
afterload. The overlap between the curves demonstrates the volumetric properties
of the pump system.
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Chapter 3

Figure B.1: Geometry of the 3D printed samples manufactured for the tensile
tests, defined according to the ASTM D412. Measures in mm.

B. Mechanical Tests Performed in Chapter 3

Figure B.2: Native GelWax 3D printed specimens, after tensile tests execution.

Table B.1: Young’s modulus (E) of the solutions considered obtained by tensile
tests.

Solution
0a
0b
1
2
3
4
5
6
7
8
9
10
11
12
13
14
15
16

Materials
Samples
Pure GelWax 3D printed direction 1
3
Pure GelWax 3D printed direction 2
3
Pure GelWax casted
4
5% Hot glue 5% Clear glue
4
7.5% Hot glue 7.5% Clear glue
3
2.5% Hot glue
2
5% Hot glue
3
7.5% Hot glue
3
10% Hot glue
3
15% Hot glue
3
20% Hot glue
3
25% Hot glue
3
5% Clear glue
4
10% Clear glue
3
15% Clear glue
3
10% Corn starch
3
15% Corn starch
3
20% Corn starch
3
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E [kPa]
8.20
10.84
17.58
19.64
24.04
15.33
15.08
17.72
17.07
26.68
29.96
29.80
15.85
13.21
16.77
15.27
13.07
9.53

σ [Pa]
2.38
10.60
9.73
17.10
18.61
17.99
14.13
19.36
19.56
30.72
10.22
22.21
2.39
8.90
10.33
8.97
6.36
7.82

Figure B.3: Histogram of the Young’s modulus (E) of the samples listed in Table
B.1 obtained by tensile tests. The curve indicates the percentage variation of E with
respect to the native material GelWax (sample number 1, represented in colour yellow in the figure). The figure highlights how the values were increased and decreased
according to the composition of the solution.
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Appendix C
Additional Rheology Results of
Chapter 5

KSCN solution

CY - 1

CY - 2

Dynamic viscosity

Figure C.1: Dynamic viscosity distribution estimated by the numerical models
with the considered rheological properties. The Newtonian KSCN solution and the
two non-Newtonian CY models are compared. In the TL, the CY-1 model compares
better than CY-2 to the KSCN solution because at shear rates in the range 10-1000
s−1 the values of viscosity of the curve fitted with human blood samples are more
similar to the constant value of the KSCN solution (see Figure 5.5).
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Figure C.2: TAWSS distribution obtained from the four computational simulations
aimed at analysing the difference induced by the rheological properties of the fluid
used. The peak values are compared, highlighting a maximum difference of 22.78%
between the blood Newtonian model (5.31 Pa) and the KCSN solution (4.10 Pa).
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Additional PIV-Derived Data of
Chapter 5

Figure D.1: Comparison between the analytical curve used to impose the patientspecific flow and the resulting flow rate measured with the flow meter downstream
of the aortic valve.

D. Additional PIV-Derived Data of Chapter 5

Figure D.2: Comparison between the flow rate curve acquired downstream of the
aortic valve with the flow meter, and the PIV-derived one estimated at the aortic
inlet.

Figure D.3: PIV-derived flow rate curves at the inlet of the aorta. Each curve
corresponds to a different section along the length of the geometry.
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Figure D.4: PIV-derived velocity field (velocity magnitude u and velocity fluctuations u’) in plane A2 at three different instants of the cardiac cycle.
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Figure D.5: PIV-derived velocity field (velocity magnitude u and velocity fluctuations u’) in plane A3 at three different instants of the cardiac cycle.
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Figure D.6: PIV-derived velocity profiles at the aortic inlet. (a) Time-resolved
profiles; the colours differentiate the phase of the cardiac cycle. (b) Phase-averaged
velocity profile at peak systole with standard deviation. (c) Phase-averaged velocity
profiles at peak systole at four different positions along the ascending part of the
aorta.
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First Proper Orthogonal Decomposition Modes in a Mixing Tank. Chemical
Engineering and Technology, 40(5):927–937, 2017. ISSN 15214125. 10.1002/
ceat.201600674.
P. H. Geoghegan, N. A. Buchmann, C. J. T. Spence, S. Moore, and M. Jermy.
Fabrication of rigid and flexible refractive-index-matched flow phantoms for
flow visualisation and optical flow measurements. Experiments in Fluids, 52
(5):1331–1347, 2012. ISSN 07234864. 10.1007/s00348-011-1258-0.

276

References
P. H. Geoghegan, N. A. Buchmann, J. Soria, and M. C. Jermy. Time-resolved
PIV measurements of the flow field in a stenosed, compliant arterial model.
Experiments in Fluids, 54(5):1528, 2013. ISSN 07234864. 10.1007/s00348
-013-1528-0.
F. J. H. Gijsen, F. N. V. D. Vosse, and J. D. Janssen. The influence of the
non-Newtonian properties of blood on the flow in large arteries: steady flow
in a carotid bifurcation model. Journal of Biomechanics, 32:601–608, 1999.
A. Girish, M. Padala, K. Kalra, B. V. Mciver, R. K. Veeraswamy, E. P. Chen,
and B. G. Leshnower. The Impact of Intimal Tear Location and Partial
False Lumen Thrombosis in Acute Type B Aortic Dissection. Ann Thorac
Surg, 102:1925–32, 2016. 10.1016/j.athoracsur.2016.05.020.
J. Z. Goldfinger, J. L. Halperin, M. L. Marin, A. S. Stewart, K. A. Eagle, and
V. Fuster. Thoracic Aortic Aneurysm and Dissection. J Am Coll Cardiol,
64:1725–39, 2014. 10.1016/j.jacc.2014.08.025.
L. Grinberg, A. Yakhot, and G. E. Karniadakis. Analyzing transient turbulence
in a stenosed carotid artery by proper orthogonal decomposition. Annals of
Biomedical Engineering, 37(11):2200–2217, 2009. ISSN 00906964. 10.1007/
s10439-009-9769-z.
Grotenhuis. Structure and function of the aorta in inherited and congenital
heart disease and the role of MRI. Heart., 97(1):66–74., 2011. ISSN 1468201X. 10.1136/hrt.2010.198713.
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H. Ha, M. Ziegler, M. Welander, N. Bjarnegård, C. J. Carlhäll, M. Lindenberger, T. Länne, T. Ebbers, and P. Dyverfeldt. Age-related vascular
277

References

changes affect turbulence in aortic blood flow. Frontiers in Physiology, 9
(JAN):1–10, 2018. ISSN 1664042X. 10.3389/fphys.2018.00036.
T. Haga, A. Javadzadegan, K. Kabir, A. Simmons, and T. Barber. Particle
image velocimetry study of aorta-renal bifurcation. Technology and Health
Care, 23(5):539–545, 2015. ISSN 09287329. 10.3233/THC-151005.
T. Hang, A. Giardini, G. Biglino, T. Conover, and R. S. Figliola. In vitro
validation of a multiscale patient-specific norwood palliation model. Pediatric Circulatory Support, 62(3):317–324, 2016. ISSN 1538943X. 10.1097/
MAT.0000000000000336.
HeartFlow. https://www.heartflow.com/, 2019.
R. F. Huang, T. F. Yang, and Y. K. Lan. Pulsatile flows and wall-shear stresses
in models simulating normal and stenosed aortic arches. Experiments in
Fluids, 48(3):497–508, 2010. ISSN 07234864. 10.1007/s00348-009-0754-y.
H. K. Huh, H. Ha, and S. J. Lee. Effect of non-Newtonian viscosity on the
fluid-dynamic characteristics in stenotic vessels. Experiments in Fluids, 56
(8):1–12, 2015. ISSN 07234864. 10.1007/s00348-015-2037-0.
E. Imomoh, J. Dusting, and S. Balabani. On the quasiperiodic state in a
moderate aspect ratio Taylor-Couette flow. Physics of Fluids, 22(4):1–10,
2010. ISSN 10706631. 10.1063/1.3407665.
C. N. Ionita, M. Mokin, N. Varble, D. R. Bednarek, J. Xiang, K. V. Snyder, A. H. Siddiqui, E. I. Levy, H. Meng, and T. Stroke. Challenges and
limitations of patient-specific vascular phantom fabrication using 3D Polyjet printing. Proc SPIE Int Soc Opt Eng, 9038(90380M), 2014. 10.1117/
12.2042266.Challenges.
G. Janiga. Novel feature-based visualization of the unsteady blood flow in
intracranial aneurysms with the help of proper orthogonal decomposition

278

References
(POD). Computerized Medical Imaging and Graphics, 73:30–38, 2019. ISSN
18790771. 10.1016/j.compmedimag.2019.01.001.
S. Kefayati and T. L. Poepping. Transitional flow analysis in the carotid
artery bifurcation by proper orthogonal decomposition and particle image
velocimetry. Medical Engineering and Physics, 35(7):898–909, 2013. ISSN
18734030. 10.1016/j.medengphy.2012.08.020.
J. Kostas, J. Soria, and M. S. Chong. A comparison between snapshot POD
analysis of PIV velocity and vorticity data. Experiments in Fluids, 38(2):
146–160, 2005. ISSN 07234864. 10.1007/s00348-004-0873-4.
E. O. Kung and C. A. Taylor. Development of a Physical Windkessel Module to
Re-Create In Vivo Vascular Flow Impedance for In Vitro Experiments. Cardiovascular Engineering and Technology, 2(1):2–14, 2011. ISSN 1869408X.
10.1007/s13239-010-0030-6.
E. Lanzarone, R. Vismara, and G. B. Fiore. A new pulsatile volumetric device
with biomorphic valves for the in vitro study of the cardiovascular system.
Artificial Organs, 33(12):1048–1062, 2009. ISSN 0160564X. 10.1111/j.1525
-1594.2009.00812.x.
A. M. Leopaldi, R. Vismara, M. Lemma, L. Valerio, M. Cervo, A. Mangini,
M. Contino, A. Redaelli, C. Antona, and G. B. Fiore. In vitro hemodynamics
and valve imaging in passive beating hearts. Journal of Biomechanics, 45
(7):1133–1139, 2012. ISSN 00219290. 10.1016/j.jbiomech.2012.02.007.
R. J. Levick. An Introduction to Cardiovascular Physiology, volume i. Butterworth & Co, 2009. ISBN 0340942045. 10.1093/bja/aer176.
E. Maneas, W. Xia, D. I. Nikitichev, B. Daher, M. Manimaran, R. Y. J.
Wong, C. W. Chang, B. Rahmani, C. Capelli, S. Schievano, G. Burriesci,
S. Ourselin, A. L. David, M. C. Finlay, S. J. West, T. Vercauteren, and A. E.
Desjardins. Anatomically realistic ultrasound phantoms using gel wax with
279

References

3D printed moulds. Physics in Medicine and Biology, 63(1):aa9e2c, 2018.
ISSN 13616560. 10.1088/1361-6560/aa9e2c.
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