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“Nothing in life is to be feared, it is only to be understood.
Now is the time to understand more, so that we may fear less.”
Marie Skłodowska Curie (1867-1934)

Abstract

A

ortic dissection (AD) is a severe vascular condition in which an intramural tear results in blood flowing within the aortic wall. The opti-

mal treatment of type-B dissections - those involving the arch and descending
aorta - is still debated; when uncomplicated, they are commonly managed
medically, but up to 50% of the cases will develop complications requiring invasive intervention. Patient-specific computational fluid dynamics (CFD) can
provide insight into the pathology and aid clinical decisions by reproducing
in detail the intra-aortic haemodynamics; however, oversimplified modelling
assumptions and high computational cost compromise the accuracy of simulation predictions and impede clinical translation. Moreover, the requirement of
working with noisy and oftentimes minimal clinical datasets complicates the
implementation of personalised models.
In the present thesis, methods to overcome the aforementioned limitations and facilitate the clinical translation of CFD tools are presented and
tested on type-B AD cases. A novel approach for patient-specific models of
complex ADs informed by commonly available clinical datasets (including CTscans and Doppler ultrasonography) is proposed. The approach includes an
innovative way to account for arterial compliance in rigid-wall simulations using a lumped capacitor and a parameter estimation strategy for Windkessel
boundary conditions. The approach was tested on three case-studies, and the
results were successfully compared against invasive intra-aortic pressure measurements. A new and efficient moving boundary method (MBM) - tunable
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with non-invasive displacement data - is then proposed to capture wall motion
in CFD simulations, necessary in certain AD settings for accurate haemodynamic predictions. The MBM was first applied and validated on a case-study
previously investigated with a full fluid-structure interaction technique, and
then employed in a patient-specific compliant model of a type-B AD informed
by multi-modal imaging data. Extensive comparison between in silico and in
vivo data demonstrated the reliability of the model predictions.
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C

ardiovascular disease (CVD) is the most common cause of mortality in
Europe and accounts for about 45% of all deaths. Among CVD, aortic

dissection (AD) is the most catastrophic cardiovascular emergency affecting
the aorta, and is still associated with considerable morbidity and mortality.
Uncomplicated type-B ADs are commonly managed medically, but up to 50%
of the cases will develop complications requiring invasive intervention, therefore
a pre-emptive endovascular repair could benefit a sub-group of patients.
Computational fluid dynamics (CFD) can enhance the understanding of
the disease and aid the clinical-decision making process by providing information on the patient-specific haemodynamics with a level of detail that is
currently impossible to achieve with imaging alone. In the present research,
methods to address the limitations of patient-specific CFD models and facilitate their clinical translation are developed and tested on several case-studies
of AD. First, a method that enables the implementation of CFD models of
complex ADs using datasets commonly available in a clinical setting is developed. The use of data that are already regularly acquired for AD monitoring
prevents the need to acquire additional data only for modelling purposes, and
hence reduces the costs related to the clinical translation of the computational
tools. Second, a novel moving boundary method (MBM) to account for wall
motion in AD CFD models is developed, which results in faster and more efficient computations and is considerably easier to implement when compared
to traditional fluid-structure interaction techniques. The parameters of the
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models implemented with the MBM can be tuned to achieve patient-specific
displacements using non-invasive data obtainable, for example, via magnetic
resonance imaging. Accounting for wall motion in type-B AD simulations allows the accurate computation of clinically important variables, such as the
pressure in the false lumen, which would not be correctly predicted by rigidwall models in certain clinical scenarios.
All the models implemented are characterised by state-of-the-art dynamic
boundary conditions capable of replicating the physiological envelope surrounding the dissected aorta and simulate haemodynamic conditions other
than the one acquired as part of the original dataset, such as post-intervention
haemodynamic scenarios. The results obtained from the simulations provided,
via more than just one example, concrete evidence that it is becoming possible to use CFD a) to enhance clinical understanding and treatment, and b)
to calculate important biomarkers that are impossible to measure via current
imaging techniques. The approaches presented in this work are not limited to
AD modelling and can be used for other cardiovascular applications. For instance, the MBM developed herein has been already successfully employed for
the study of the influence of vessel wall deformation and compliance mismatch
on neointimal hyperplasia progression in peripheral bypass grafts.
The research undertaken in this thesis represents a significant advance of
the state-of-the-art in cardiovascular computational modelling and constitutes
a step towards the translation of such tools into the clinical practice. Simulation models have the potential to greatly impact patient healthcare in the
near future and they are a cornerstone of precision medicine, a new medical
paradigm that envisions the customisation of patient treatments, moving the
target from the average patient to the individual one. In this context, computational models can be used to tailor the treatments on a ‘virtual’ surrogate,
before they are performed on the ‘real’ patient, making sure to find the optimal
solution for the specific patient.

12

Acknowledgements

U

pon the conclusion of my doctoral studies, I would like to express my
most sincere gratitude to the many people who supported me through-

out this journey and enabled me to achieve my goals.
First of all, I owe my biggest thanks to my supervisors, without whom this
work would not have been possible. I am sincerely grateful to Prof. Vanessa
Diaz, my primary supervisor and mentor, for accepting me in her research
group and her precious guidance. She always put her trust in me and gave
me the freedom to explore new ideas. With her understanding, insight and
encouragement, she helped me get through critical times and pushed me to
give my best. I would also like to thank Prof. Stavroula Balabani, my cosupervisor, with deepest sincerity for her kind support throughout these years.
The insight into fluid dynamics and the constructive suggestions she shared
with me were invaluable. Her enthusiasm and strong work ethic have been an
example for me. Additionally, I would like to express my gratitude to Prof.
Shervanthi Homer-Vanniasinkam, my clinical supervisor, for her mentoring
and for providing me with the clinical data essential to my research, as well as
introducing me to leading experts in aortic dissection.
I would like to acknowledge Prof. John Greenwood and Dr. Sapna Puppala, at Leeds Teaching Hospitals, for collecting the rich MRI and CT dataset
of one of the analysed case studies. A special thank goes to Mr Gabriele
Maritati, at San Camillo-Forlanini Hospital in Rome, for expressing sincere
interest in my research, providing precious clinical insight, and collecting the

Acknowledgements

full dataset required for the study of a small cohort of patients. I would like
to thank the vascular surgeons at the Royal Free Hospital in London who provided feedback on my work and, in particular, Prof. Janice Tsui for allowing
me to attend vascular surgery interventions in the operating theatre.
I am grateful to the European Union for the financial support through the
Marie Skłodowska Curie project ‘VPH-CaSE’, the coordinators of the project,
Dr. Andrew Narracott and Dr. John Fenner at the University of Sheffield, the
members of the steering committee and the other researchers of the network,
who shared a part of their journey with me. Additionally, I would like to thank
Prof. Rodney Hose (University of Sheffield), Prof. Hendrik von Tengg-Kobligk
(University Hospital of Bern) and Dr. Michel Rochette (ANSYS, Lyon) for
hosting me during the secondments.
A special thank goes to all the former and present members of my research
group; thanks for helping me in the everyday PhD life, but also for the amazing
time spent together. Thank you, Francesca, for putting up with me and always
finding the time to listen to my pondering; thank you, Gaia, for your kind
heart, your precious encouragement and for selflessly helping me during these
years.
I would also like to thank the other research students and staff of UCL
Mechanical Engineering and WEISS centre for their support, and Mr Tristan
Clark for IT management and assistance with the cluster. My gratitude goes
also to Dr. Andrea Ducci and Mr Obi Agu for providing their valuable feedback
and insight during my transfer viva.
Finally, I owe a huge debt of gratitude to my family and friends who, with
their unfailing love and support, gave me the serenity I needed to conclude
this work. Thank you, Nicolò and Filippo, for your dear friendship and for
always cheering me up. Thank you, Mamma, Papà and Edo, for always being
there for me despite the distance. And thank you, Byrne, for your words of
encouragement and for believing in me.

14

Scientific Dissemination

T

he scientific output directly resulted from the research undertaken in
the present thesis is listed here below.

Journal Publications
• Vardakis JC, Bonfanti M, Franzetti G, Guo L, Lassila T, Mitolo M,
De Vila MH, Greenwood JP, Maritati G, Chou D, Taylor ZA, Venneri
A, Homer-Vanniasinkam S, Balabani S, Frangi AF, Ventikos Y, DíazZuccarini V. (2019), ‘Highly Integrated Workflows for Exploring Cardiovascular Conditions: Exemplars of Precision Medicine in Alzheimer’s
Disease and Aortic Dissection’, Morphologie, 103(343), 148-160.
• Bonfanti M, Franzetti G, Maritati G, Homer-Vanniasinkam S, Balabani
S, Díaz-Zuccarini V. (2019), ‘Patient-specific haemodynamic simulations
of complex aortic dissections informed by commonly available clinical
datasets’, Medical Engineering and Physics, 71, 45-55.
• Díaz-Zuccarini V, Bonfanti M, Franzetti G, Balabani S. (2018), ‘Virtual TEVAR: Overcoming the Roadblocks of In-Silico Tools for Aortic
Dissection Treatment’, Theranostics, 8(22), 6384-6385.
• Bonfanti M, Balabani S, Alimohammadi M, Obiekezie A, HomerVanniasinkam S, Díaz-Zuccarini V. (2018), ‘A simplified method to account for wall motion in patient-specific blood flow simulations of aortic
dissection: Comparison with fluid-structure interaction’, Medical Engineering and Physics, 58, 72-79.

Scientific Dissemination

• Bonfanti M, Balabani S, Greenwood JP, Puppala S, Homer-Vanniasinkam
S, Díaz-Zuccarini V. (2017), ‘Computational tools for clinical support:
a multi-scale compliant model for haemodynamic simulations in aortic
dissection based on multimodal imaging data’, Journal of the Royal
Society Interface, 14: 20170632.

Oral presentations
• Bonfanti M, Franzetti G, Maritati G, Homer-Vanniasinkam S, Balabani
S, Díaz-Zuccarini V. (2019) ‘Patient-specific haemodynamic simulations
of complex Type-B aortic dissections to enhance clinical understanding’,
ESVS Spring meeting, 10-11 May 2019, London, UK.
• Bonfanti M, Franzetti G, Greenwood JP, Puppala S, Homer-Vanniasinkam
S, Balabani S, Díaz-Zuccarini V. (2018) ‘A platform for patient-specific
vascular medicine: a case study of a chronic type-B aortic dissection’,
Virtual Physiological Human conference, 5-7 September 2018, Zaragoza,
Spain.
• Bonfanti M, Franzetti G, Maritati G, Homer-Vanniasinkam S, Balabani
S, Díaz-Zuccarini V. (2018) ‘An in silico study of the haemodynamics in
a cohort of type-B aortic dissections to improve clinical understanding’,
VPH-CaSE conference, 19-20 July 2018, London, UK.
• Bonfanti M, Balabani S, Alimohammadi M, Obiekezie A, HomerVanniasinkam S, Díaz-Zuccarini V. (2018), ‘Comparing the ‘gold standard’ Fluid Structure Interaction vs a novel Moving-Boundary Method in
Blood Flow Simulations of Aortic Dissection’, World Congress of Biomechanics, 8-12 July 2018, Dublin, Ireland.
• Bonfanti M, Franzetti G, Greenwood JP, Puppala S, Homer-Vanniasinkam
S, Balabani S, Díaz-Zuccarini V. (2018) ‘An image-based modeling approach for patient-specific blood flow simulations of aortic dissection’,

16

Scientific Dissemination

ESVS Spring meeting, 25-26 May 2018, Frankfurt, Germany. In: European Journal of Vascular and Endovascular Surgery, 56(5), e18.
• Bonfanti M, Greenwood JP, Puppala S, Homer-Vanniasinkam S, Balabani S, Díaz-Zuccarini V. (2017) ‘A multiscale compliant model for
flow simulation in aortic dissection: comparison with multimodal imaging data.’, Congress of the European Society of Biomechanics, 2-5 July,
2017, Seville, Spain.
• Bonfanti M, Alimohammadi M, Homer-Vanniasinkam S, Díaz-Zuccarini
V. (2016) ‘Patient-specific simulation of the blood flow in an aortic dissection for clinical support including an efficient method to represent the
motion of the intimal flap and vessel wall : A case study’, Virtual Physiological Human conference, 26-28 September, 2016, Amsterdam, The
Netherlands. In: VPH2016 book of abstracts, edited by A. G. Hoekstra.
Amsterdam: University of Amsterdam, 2016, pp. 356-359.

Poster presentations
• Bonfanti M, Franzetti G, Maritati G, Homer-Vanniasinkam S, Balabani
S, Díaz-Zuccarini V. (2019). ‘Personalised blood flow simulations of complex aortic dissections informed by commonly available clinical datasets’,
BioMedEng19 Conference, 5-6 September 2019, London, UK.
• Bonfanti M, Franzetti G, Maritati G, Homer-Vanniasinkam S, Balabani
S, Díaz-Zuccarini V. (2018) ‘Hemodynamic study of complex Type B
aortic dissections with patient-specific computational fluid dynamic simulations’, World Congress of Biomechanics, 8-12 July 2018, Dublin, Ireland.
• Bonfanti M, Balabani S, Homer-Vanniasinkam S, Díaz-Zuccarini V.
(2018) ‘Towards the virtual patient: an application to aortic dissections’,
STEM for Britain, 12 March 2018, London, UK.

17

Scientific Dissemination

• Bonfanti M, Greenwood JP, Puppala S, Homer-Vanniasinkam S., Balabani S, Díaz-Zuccarini V. (2017) ‘A multiscale compliant model for flow
simulation in aortic dissection: comparison with multimodal imaging
data’, 2nd VPH Summer School, 22-26 May 2017, Barcelona, Spain.

I

n addition to the above, the computational models, simulations and methods established in the present work contributed to additional scientific

output, reported here below.

Journal Publications
• Annio G, Franzetti G, Bonfanti M, Gallarello A, Palombi A, De Momi
E, Homer-Vanniasinkam S, Wurdemann HA, Tsang V, Díaz-Zuccarini
V, Torii R, Balabani S, Burriesci G. (2019), ‘Low cost manufacturing of
personalised vascular phantoms with PVA to perform in vitro heamodynamic studies: three applications’, Journal of Engineering and Science
in Medical Diagnostics and Therapy. [Article in press]
• Donadoni F, Bonfanti M, Pichardo-Almarza C, Homer-Vanniasinkam S,
Dardik A, Díaz-Zuccarini V. (2019), ‘An in silico study of the influence
of vessel wall deformation on neointimal hyperplasia progression in peripheral bypass grafts’, Medical Engineering and Physics, 74, 137-145.

Oral presentations
• Franzetti G, Bonfanti M, Greenwood JP, Puppala S, Homer-Vanniasinkam
S, Díaz-Zuccarini V, Balabani S. (2019) ‘In vivo, in silico, in vitro
patient-specific analysis of the haemodynamics of a Type-B Aortic Dissection’,CompBioMed Conference, 25-27 September 2019, London, UK.
• Franzetti G, Bonfanti M, Greenwood JP, Puppala S, Homer-Vanniasinkam
S, Díaz-Zuccarini V, Balabani S. (2019) ‘An in vitro platform to perform

18

Scientific Dissemination

haemodynamic studies of patient-specific models: a case study of Aortic
Dissection’, ESVS Spring meeting, 10-11 May 2019, London, UK.
• Franzetti G, Bonfanti M, Greenwood JP, Homer-Vanniasinkam S, Puppala S, Díaz-Zuccarini V, Balabani S. (2018) ‘Patient-specific in vitro
study of a chronic type-B aortic dissection’, VPH-CaSE conference, 1920 July 2018, London, UK.
• Mai TT, Bonfanti M, Homer-Vanniasinkam S, Pineda-Torra I, PichardoAlmarza C, Díaz-Zuccarini V. (2018), ‘Can multi-scale and multifactorial
metrics predict atherosclerotic plaque location?: patient-specific analyses of a small patient cohort’, VPH-CaSE conference, 19-20 July 2018,
London, UK.
• D’Souza AP, Bonfanti M, Homer-Vanniasinkam S, Díaz-Zuccarini V.
(2018), ‘Simulation of Antihypertensive Therapy with Beta-Blockers for
the Management of type-B Aortic Dissection with a Multi-Scale Compliant Model’, VPH-CaSE conference, 19-20 July 2018, London, UK.
• Franzetti G, Bonfanti M, Greenwood JP, Homer-Vanniasinkam S, Puppala S, Díaz-Zuccarini V, Balabani S. (2018) ‘A combined in vivo, in
vitro, in silico approach to study the patient-specific hemodynamics
of aortic dissection’, World Congress of Biomechanics, 8-12 July 2018,
Dublin, Ireland.
• Franzetti G, Bonfanti M, Greenwood JP, Homer-Vanniasinkam S, Puppala S, Díaz-Zuccarini V, Balabani S. (2017) ‘An in vitro haemodynamic
study of a patient specific model of aortic dissection via particle image velocimetry’, Congress of the European Society of Biomechanics, 2-5 July,
2017, Seville, Spain.

19

Contents
Abstract

9

Impact Statement

11

Acknowledgements

13

Scientific Dissemination

15

List of Figures

24

List of Tables

35

Nomenclature

39

1 Introduction

45

1.1

Motivation and Background . . . . . . . . . . . . . . . . . . . . 45

1.2

The anatomy of the aorta . . . . . . . . . . . . . . . . . . . . . 49

1.3

Aortic dissection: clinical perspective . . . . . . . . . . . . . . . 52
1.3.1

Pathogenesis of Aortic Dissection . . . . . . . . . . . . . 52

1.3.2

Risk factors . . . . . . . . . . . . . . . . . . . . . . . . . 54

1.3.3

Classification . . . . . . . . . . . . . . . . . . . . . . . . 55

1.3.4

Diagnosis . . . . . . . . . . . . . . . . . . . . . . . . . . 56

1.3.5

Management and outcomes . . . . . . . . . . . . . . . . 58

1.3.6

Long-term follow-up . . . . . . . . . . . . . . . . . . . . 64

1.3.7

Predictors of outcome . . . . . . . . . . . . . . . . . . . 64

Contents

1.4

Aortic dissection: computational haemodynamics . . . . . . . . 67
1.4.1

Cardiovascular computational fluid dynamics

. . . . . . 68

1.4.2

Approaches of aortic dissection modelling

1.4.3

Applications of aortic dissection modelling . . . . . . . . 88

1.4.4

Clinical translation and challenges . . . . . . . . . . . . . 94

. . . . . . . . 73

1.5

Objectives of the thesis . . . . . . . . . . . . . . . . . . . . . . . 96

1.6

Outline of the thesis . . . . . . . . . . . . . . . . . . . . . . . . 97

2 Personalised Haemodynamic Simulations Informed by Commonly Available Clinical Datasets

99

2.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 100

2.2

Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 103

2.3

2.2.1

Clinical datasets . . . . . . . . . . . . . . . . . . . . . . 103

2.2.2

Geometry reconstruction . . . . . . . . . . . . . . . . . . 106

2.2.3

Mesh creation . . . . . . . . . . . . . . . . . . . . . . . . 107

2.2.4

Computational fluid dynamics . . . . . . . . . . . . . . . 113

Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 123
2.3.1

Aortic dissections anatomy . . . . . . . . . . . . . . . . . 123

2.3.2

Personalised boundary conditions . . . . . . . . . . . . . 124

2.3.3

Comparison against invasive blood pressure measurements125

2.3.4

Blood flow dynamics . . . . . . . . . . . . . . . . . . . . 125

2.4

Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 130

2.5

Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 135

3 A Simplified Method to Account for Wall Motion in Blood
Flow Simulations: the Moving Boundary Method

137

3.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 137

3.2

Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 141
3.2.1

Description of the method . . . . . . . . . . . . . . . . . 141

3.2.2

Flow in an elastic straight tube . . . . . . . . . . . . . . 143

3.2.3

Aortic dissection case study . . . . . . . . . . . . . . . . 146

22

Contents

3.3

Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 156
3.3.1

Flow in an elastic straight tube . . . . . . . . . . . . . . 156

3.3.2

Aortic dissection case study . . . . . . . . . . . . . . . . 156

3.4

Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 162

3.5

Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 166

4 A patient-specific compliant model based on multi-modal
imaging data

169

4.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 169

4.2

Materials and methods . . . . . . . . . . . . . . . . . . . . . . . 170

4.3

4.2.1

Patient information . . . . . . . . . . . . . . . . . . . . . 170

4.2.2

Computational simulation set up . . . . . . . . . . . . . 173

Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 179
4.3.1

Flow rate and pressure waveforms . . . . . . . . . . . . . 179

4.3.2

Aortic dissection haemodynamics . . . . . . . . . . . . . 181

4.3.3

Comparison between computational results and in vivo
data . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 182

4.3.4
4.4

Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 189
4.4.1

4.5

Comparison between rigid and compliant CFD models . 187

Limitations . . . . . . . . . . . . . . . . . . . . . . . . . 192

Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 193

5 Conclusions and Future Work

195

5.1

Main contributions . . . . . . . . . . . . . . . . . . . . . . . . . 195

5.2

Summary of main findings . . . . . . . . . . . . . . . . . . . . . 196

5.3

Future work . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 198

Appendices

200

A Zero-dimensional models of Chapter 2

201

B Calibration results for the models in Chapter 2

209

23

Contents

C Flow rate and pressure waveforms from Chapter 2

213

D Mesh sensitivity for CFD model in Chapter 4

217

Bibliography

221

24

List of Figures
1.1

Patient-specific image-based CFD modelling workflow typically
involves the integration of patient’s data (i.e. personalised)
and external data (i.e. non-personalised) with a mathematical
model solved by a computer. The model combines the governing
equations of the underlying physics with the relative initial and
boundary conditions with a the mathematical representation of
the patient’s anatomical geometry. The patient-specific geometry is typically derived from various clinical imaging modalities
via a process that involves (1) image acquisition, (2) image segmentation and reconstruction, and (3) spatial discretisation in
small ‘elements’ (i.e. mesh generation). Patient-specific data
not used for model implementation can be used for validation
purposes. Figure modified from Gray and Pathmanathan (2018)
with permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . 48

1.2

Segments of the ascending and descending aorta and its main
branches. Figure from Nienaber et al. (2016a) with permission. . 51

List of Figures

1.3

Schematic of the pathogenesis of aortic dissection (AD): (a) the
aortic wall comprises three layers: the intima, the media and
the adventitia. In most cases, AD originates from a tear in the
intimal layer that causes the blood to flow within the medial
layer, forcing the layers apart. (b) In some cases, the rupture of
the vasa vasorum leads to bleeding within the medial layer and
formation of an intramural haematoma, which may progress to
form an AD. Figure from Nienaber et al. (2016a) with permission. 54

1.4

Anatomical classification of aortic dissection. Figure from Nienaber and Clough (2015) with permission. . . . . . . . . . . . . . 57

1.5

Computed tomography (CT) scan of a patient with a type-B
aortic dissection. (a) CT slices at the level of the entry tear and
of the descending thoracic aorta; (b) three-dimensional rendering of the reconstructed aorta. . . . . . . . . . . . . . . . . . . . 59

1.6

Flowchart for the clinical management of type-B aortic dissection. Figure modified from Nienaber and Clough (2015) with
permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60

1.7

Schematic of the frozen elephant trunk procedure for the repair
of type-A dissections involving the descendin thoracic aorta.
Figure from Uchida et al. (2013) with permission. . . . . . . . . 61

26

List of Figures

1.8

Thoracic endovascular aortic repair (TEVAR) in complicated
type-B aortic dissection (AD). (a) AD presentation. The entry
tear is located in the proximal descending thoracic aorta. The
morphology of the intimal flap indicates collapse of the true
lumen with dynamic obstruction of the celiac trunk (CT) and
superior mesenteric artery (SMA): the dissection does not extend into them but rather occludes them by intermittent fluctuations of the flap during the cardiac cycle. Signs of static
obstruction can be seen in the left renal artery (LRA), due to
the propagation of the dissection into this vessel and the presence of a thrombus in the left renal artery false lumen which can
cause malperfusion. (b) A stent graft is placed in the correct
location and the deployment is started via balloon dilation. (c)
The stent graft is deployed and an aortography is performed to
check correct positioning and eradication of flow through the entry tear. Intravascular ultrasonography can be used to evaluate
the resolution of dynamic obstruction of CT and SMA. (d) The
static obstruction of the LRA is resolved with a self-expanding
stent with 10% of over-sizing. Figure adapted from Patel and
Williams (2009) with permission. . . . . . . . . . . . . . . . . . 63

1.9

Scenarios of false lumen (FL) thrombosis in type-B dissections:
(a) patent FL with proximal and distal tears; (b) partial thrombosis of the FL with occlusion of the distal tear; (c) operated
dissection with a proximal stent graft covering the entry tear
and a patent exit tear. Figure from Tsai et al. (2008) with
permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 66

1.10 Electric schematic of Windkessel models:

(a) two-element

Windkessel model (WK2); (b) three-element Windkessel model
(WK3). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 70

27

List of Figures

1.11 Typical vessel segment model used as building-block in multicompartmental 0D models. . . . . . . . . . . . . . . . . . . . . . 71
2.1

(a) Left ventricular outflow tract velocity time integral (LVOT
VTI) measure to estimate the cardiac output (CO) for Patient
3; (b) Inlet flow rate waveform adjusted to the patient-specific
haemodynamic data of Patient 3. . . . . . . . . . . . . . . . . . 104

2.2

CT slice of the abdominal aorta of Patient 1. The presence of
a tear in the IF between the TL and FL can be noted. As it
is often the case, the tear is in proximity to a lumbar artery indicated by an asterisk in the figure - originating from the FL. 107

2.3

Geometry reconstruction for Patient 1: (a) rendering of the CT
data; (b) segmented mask after smoothing; (c) 3D model used
for the simulations. . . . . . . . . . . . . . . . . . . . . . . . . . 108

2.4

Comparison between the velocity field at peak systole obtained
with the coarse, medium and fine grids for Patient 3. The
reported values indicate the maximum velocities over selected
cross-sectional planes. . . . . . . . . . . . . . . . . . . . . . . . . 110

2.5

Contour maps of wall-shear stress-based indices obtained with
the coarse, medium and fine grids for Patient 3. (a) Timeaveraged Wall Shear Stress (TAWSS); (b) Oscillatory Shear Index (OSI); (c) Relative Residence Time (RRT). . . . . . . . . . 112

2.6

(a) Schematic of the CFD model and its boundary conditions.
Patient 1 is shown as an example. (b) Flowchart of the procedure adopted for parameter calibration. . . . . . . . . . . . . . . 116

28

List of Figures

2.7

Physiological distribution of the cardiac output (CO) amongst
the main aortic branches. xi : CO fraction; Ai : cross-sectional
area; subscript i refers to: BT: brachiocephalic trunk, SAB:
supra-aortic branches, RSA: right subclavian artery, RCC: right
common carotid artery, LCC: left common carotid artery, LSA:
left subclavian artery, DA: thoracic descending aorta, CT:
celiac trunk, SMA: superior mesenteric artery, RRA: right renal
artery, LRA: left renal artery, IR: infrarenal aorta, REI: right
external iliac artery, RII: right internal iliac artery, LEI: left
external iliac artery, LII: left internal iliac artery, Q̄SM A : SMA
mean flow rate, Q̄CT : CT mean flow rate. Q̄SM A and Q̄SM A are
calculated based on the patient’s body weight and sex according
to Nakamura et al. (1989).

2.8

. . . . . . . . . . . . . . . . . . . . 118

AD geometry extracted from the CT scans of the three patients.
Arrows indicate the location of the tears in the intimal flap. . . 123

2.9

Pressure waveforms obtained at the inlet of the CFD models.
For each patient, the systolic, diastolic and mean (in brackets)
pressures are reported in the top-right corner. . . . . . . . . . . 124

2.10 Comparison between computational (orange) and invasive intraaortic blood pressure measurements (IBPM) (green). . . . . . . 126
2.11 Haemodynamic results for Patient 1. (a) Pressure field obtained
at peak systole; (b) pressure difference (TMP) between the TL
and the FL calculated at three different phases of the cardiac
cycle; (c) time-averaged wall shear stress (TAWSS) distribution;
(d) oscillatory shear index (OSI) distribution. . . . . . . . . . . 127
2.12 Haemodynamic results for Patient 2. (a) Pressure field obtained
at peak systole; (b) pressure difference (TMP) between the TL
and the FL calculated at three different phases of the cardiac
cycle; (c) time-averaged wall shear stress (TAWSS) distribution;
(d) oscillatory shear index (OSI) distribution. . . . . . . . . . . 128

29

List of Figures

2.13 Haemodynamic results for Patient 3. (a) Pressure field obtained
at peak systole; (b) pressure difference (TMP) between the TL
and the FL calculated at three different phases of the cardiac
cycle; (c) time-averaged wall shear stress (TAWSS) distribution;
(d) oscillatory shear index (OSI) distribution. . . . . . . . . . . 129
2.14 (a) Relative Residence Time (RRT) in the abdominal aorta of
Patient 3. High values of RRT can be noted on the wall of
the TL. RRT is proportional to the residence time of blood
particles near the wall, and it has been correlated to regions of
thrombosis. (b) CT scan showing a large FL partial thrombosis
compressing the TL. . . . . . . . . . . . . . . . . . . . . . . . . 130
3.1

Schematic of the (a) 3D and (b) 1D models of the flow through
an elastic tube coupled to a Windkessel model. The 1D model
is discretised with N = 40 0D LRC models connected in series. . 144

3.2

Schematic of the fluid flow boundary conditions adopted in the
fluid-structure interaction (FSI) model. A three-element Windkessel model is shown in the frame. AA: ascending aorta, BT:
brachiocefalic trunk, LCC: left common carotid, LSA: left subclavian artery, AbAo: abdominal aorta, IF: intimal flap, FL:
false lumen. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 148

3.3

3D fluid domains used in the (a) FSI model and (b) MBM
model. In the latter, the IF is modelled as a zero-thickness
membrane. AA: ascending aorta, BT: brachio-cephalic trunk,
LCC: left common carotid artery, LSA: left subclavian artery,
AbAo: abdominal aorta. . . . . . . . . . . . . . . . . . . . . . . 150

3.4

Discretisation of the intimal flap in patches (i.e. surface regions). Every patch is shown with a different colour in the figure.151

30

List of Figures

3.5

(a) Locations of the sample regions used for the evaluation of
the IF displacement obtained with the FSI model, (b) normal
displacement (δ n ) obtained with the FSI model at three selected
sample regions (S4, S8, S13). A positive value of δ n indicates a
displacement towards the FL. The bands indicate the displacement standard deviation (SD).

3.6

. . . . . . . . . . . . . . . . . . 152

Comparison between the flow rate and pressure waves obtained
with the 1D and 3D models at the inlet and outlet of the elastic
tube (solid line: 1D model, dashed line: 3D model). . . . . . . . 157

3.7

Stiffness parameters used in the MBM model: (a) K W for external wall distensibility, as per Equation 3.2 (b) K F L for intimal
flap extension, as per Equation 3.12, (c) K T L for intimal flap
contraction, as per Equation 3.13. . . . . . . . . . . . . . . . . . 158

3.8

Displacement of the vessel wall and IF obtained with the MBM
and FSI models at six different time points of the cardiac cycle: (a) mid-acceleration systole, (b) peak systole, (c) middeceleration systole, (d) dicrotic notch, (e) mid-diastole. The
reported displacement field is relative to the diastolic configuration of the vessel. . . . . . . . . . . . . . . . . . . . . . . . . . 159

3.9

Comparison between pressure (P) and flow rate (Q) waves obtained at the inlet and outlets of the AD model by the FSI (solid
line), MBM (dashed line) and Rigid (dotted line) approaches. . 160

3.10 Comparison between the transmural pressure (T M P = PT L −
PF L ) obtained with the FSI (solid line) and MBM (dashed line)
models at three cross-sections in the proximal, inter-tear and
distal locations of the dissected aorta, as indicated on the left
figure. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 161
3.11 Time-averaged wall shear stress (TAWSS) color maps obtained
with the FSI (a), MBM (b), and Rigid (c) models. . . . . . . . . 163

31

List of Figures

3.12 Oscillatory shear index (OSI) color maps obtained with the FSI
(a), MBM (b), and Rigid (c) models. . . . . . . . . . . . . . . . 164
4.1

(a) Rendering of the CT data showing the dissected aorta.
(b) 3D model of the dissected aorta extracted from CT data.
(c) Flow rate curves at different locations extracted from 2D
PC-MRI data: A: ascending aorta, B: Right Common Carotid
(RCC) and Left Common Carotid (LCC) arteries, C: Aortic
arch, distally to the left subclavian artery, D,E: flow rate in the
TL of the dissected aorta at two sections along the descending
aorta, respectively above and below the diaphragm, F: Abdominal aorta, proximally to the iliac bifurcation. . . . . . . . . . . 171

4.2

(a) Schematic of the CFD model and its boundary conditions. The colour-map shows the area compliance of the aorta
(CA = ∆A/∆P ) estimated from the available patient-specific
2D cine-MRI data. (b) Schematic of the 0D model used within
the tuning procedure. LR indicates the elementary buildingblock, composed by an inertance (L) and a resistance (R) (see
inset), representing a vessel segment: LR1: ascending aorta
and arch, LR2: brachiocephalic trunk, LR3: right subclavian
artery, LR4: right common carotid, LR5: left common carotid,
LR6: right subclavian artery, LR7: descending aorta, LR8:
celiac trunk, LR9: superior mesenteric artery, LR10: right renal artery, LR11: left renal artery, LR12: abdominal aorta. (c)
Flowchart of the procedure adopted to tune the parameters of
the compliant CFD model. . . . . . . . . . . . . . . . . . . . . . 174

32

List of Figures

4.3

(a,b,d,e) Flow (Q) and pressure (P) waves obtained with CFD
simulation at the inlet and selected outlets (c) of the compliant
model. P is calculated as the average pressure over the boundary area. (f) Comparison between the flow and pressure target
values used for the tuning of the Windkessel parameters and
CFD results. The relative percentage difference between CFD
results and target values are reported in the figure, showing a
good agreement. . . . . . . . . . . . . . . . . . . . . . . . . . . . 180

4.4

(a) Velocity magnitude at peak systole (t=0.12 s) - inset box:
streamlines passing through the entry tear at peak systole showing the blood flowing into the FL. (b) Colour-map of the pressure at peak systole in the ascending aorta and aortic arch. An
area of increased pressure can be noted in the proximal FL where
the blood flow impinges on the vessel wall. (c) Colour-map of
the time-averaged wall shear stress (TAWSS). (d) Colour-map
of the oscillatory shear index (OSI). . . . . . . . . . . . . . . . . 181

4.5

Comparison between computed (solid line) and measured
(dashed line) flow rates at different locations along the dissected aorta, indicated in the schematic on the left. . . . . . . . 184

4.6

(a) Displacement of the vessel wall predicted by the computational model at peak systole (t=0.12 s), systolic deceleration
phase (t=0.23 s), and end-diastole (t=0.78 s). (b) Percentage cross-section area variation (∆A% ) during a cardiac cycle at the level of the ascending and abdominal aorta: comparison between CFD results and 2D cine MRI measurements.
∆A% = (A − A0 )/A0 , where A is the cross-section area of the
vessel lumen and A0 is the lowest cross-section area of the vessel
lumen throughout a cardiac cycle. . . . . . . . . . . . . . . . . . 185

33

List of Figures

4.7

(a) Pressure colour-map at peak systole (t=0.12 s). (b) Comparison between the transmural pressure (TMP) across the intimal
flap (IF) obtained with the CFD compliant model during a cardiac cycle and the displacement of the intimal flap observed from
2D cine-MRI data at different time instances. The direction of
the IF displacement agrees well with the sign of the TMP: a
positive TMP corresponds to the IF motion through the FL,
whereas a negative one relates to opposite motion. . . . . . . . . 186

4.8

Comparison between CFD results obtained with compliant and
rigid models. TL results are presented with blue solid lines,
whereas FL results are shown by dashed red lines. Pressure
results correspond to averaged values calculated over the crosssections shown in the schematic on the left, whereas the flow
rates to the integral of the velocity over the same sections (a
positive flow corresponds to fluid moving towards the abdominal
aorta). Q̄, Q̄sys and Q̄dia are the mean flow rates calculated
over the entire cardiac cycle, the systole and diastole phase,
respectively. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 188

4.9

Haemodynamic indices in the ascending aorta and aortic arch
obtained with the rigid CFD model, and comparison with compliant model results. (a) TAWSS values predicted with the rigid
model and percentage difference relative to the compliant model
results, calculated as: Diff=(TAWSSR -TAWSSC )/(5 [Pa]) [%].
(b) OSI values obtained with the rigid model and percentage
difference relative to the compliant model results, calculated as:
% Diff = (OSIR -OSIC )/ 0.5 [%]. . . . . . . . . . . . . . . . . . . 189

34

List of Figures

A.1 Scheme of the 0D model for Patient 1. The aortic segments
and outflow WK3 models are delimited by black and red rectangles, respectively. The parameters of the aortic segments 0Dbuilding-blocks are listed in Table A.1, while the WK3 parameters are reported in Appendix B. . . . . . . . . . . . . . . . . . 203
A.2 Scheme of the 0D model for Patient 2. The aortic segments
and outflow WK3 models are delimited by black and red rectangles, respectively. The parameters of the aortic segments 0Dbuilding-blocks are listed in Table A.2, while the WK3 parameters are reported in Appendix B. . . . . . . . . . . . . . . . . . 205
A.3 Scheme of the 0D model for Patient 3. The aortic segments
and outflow WK3 models are delimited by black and red rectangles, respectively. The parameters of the aortic segments 0Dbuilding-blocks are listed in Table A.3, while the WK3 parameters are reported in Appendix B. . . . . . . . . . . . . . . . . . 207
C.1 Flow rate (Q) and pressure (P) waveforms obtained at the inlet
and outlet boundaries of the CFD model of Patient 1. . . . . . . 214
C.2 Flow rate (Q) and pressure (P) waveforms obtained at the inlet
and outlet boundaries of the CFD model of Patient 2. . . . . . . 215
C.3 Flow rate (Q) and pressure (P) waveforms obtained at the inlet
and outlet boundaries of the CFD model of Patient 3. . . . . . . 216
D.1 Colour maps of the time-averaged wall shear stress (TAWSS)
obtained with the compliant model using the coarse and medium
grids, respectively.

. . . . . . . . . . . . . . . . . . . . . . . . . 219

D.2 Colour maps of the oscillatory shear index (OSI) obtained with
the compliant model using the coarse and medium grids, respectively. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 220

35

List of Tables
1.1

Main risk factors for the development of aortic dissection. . . . . 55

1.3

Analogy between electric and hydraulic systems. . . . . . . . . . 69

1.5

Computational fluid dynamic studies of type-B aortic dissection. 75

2.1

Details of the patients included in the study and patient-specific
haemodynamic data used for model implementation. . . . . . . 103

2.3

Details of the CT images acquired for the 3 patients. . . . . . . 105

2.5

Mesh sensitivity analysis results. . . . . . . . . . . . . . . . . . . 109

2.7

Mesh parameter settings for medium mesh generation. . . . . . 113

3.1

Parameters of the Windkessel models coupled to the outlets of
the model in Figure 3.2. . . . . . . . . . . . . . . . . . . . . . . 149

3.2

Boundary conditions adopted in the MBM model. The parameters of the Windkessel models are the same as those used for
the FSI model and are reported in Table 3.1. . . . . . . . . . . . 153

3.3

Computational cost of the different approaches. . . . . . . . . . 165

4.1

Maximum cross-sectional area variation extracted from 2D cineMRI at different locations along the aorta. The position of the
planes is reported in Figure 4.1b. . . . . . . . . . . . . . . . . . 172

4.2

Mean blood flow at the aortic branches used for tuning the
Windkessel parameters. . . . . . . . . . . . . . . . . . . . . . . . 175

4.3

RCR parameters used for the Windkessel models coupled to the
3D compliant model following the tuning procedure. . . . . . . . 178

List of Tables

A.1 Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 1, shown in Figure
A.1. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 202
A.2 Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 2, shown in Figure
A.2. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 204
A.3 Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 3, shown in Figure
A.3. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 206
B.1 Comparison between target and computed values for flow split
and inlet pressures for the 3 patients. . . . . . . . . . . . . . . . 210
B.2 Parameters obtained using the proposed calibration procedure
for patient specific boundary conditions. . . . . . . . . . . . . . 211
D.1 Comparison between TAWSS and OSI values obtained with
the coarse and medium mesh in the selected regions of interest shown in Figures D.1 and D.2. . . . . . . . . . . . . . . . . . 218

38

Nomenclature
Abbreviations1
0D

Zero-Dimensional

1D

One-Dimensional

2D

Two-Dimensional

3D

Three-Dimensional

4D

Four-Dimensional

AAA

Abdominal Aortic Aneurysm

AbAo

Abdominal Aorta

AD

Aortic Dissection

ALE

Arbitrary Lagrangian-Eulerian

BC

Boundary Condition

BMT

Best Medical Treatment

BT

Brachiocephalic Trunk

CFD

Computational Fluid Dynamics

CO

Cardiac Output [l min−1 ]

CT

Computed Tomography or Celiac Trunk, according to the context

CY

Carreau-Yasuda

1 The

list provides the most commonly used abbreviations in the thesis.

Nomenclature

FE

Finite Element

FF

Form Factor

FL

False Lumen

FSI

Fluid-Structure Interaction

FVM

Finite Volume Method

HR

Heart Rate [bpm]

IBPM

Invasive Blood Pressure Measurements

IF

Intimal Flap

LCC

Left Common Carotid artery

LEI

Left External Iliac artery

LES

Large-Eddy Simulation

LII

Left Internal Iliac artery

LRA

Left Renal Artery

LSA

Left Subclavian artery

MBM

Moving Boundary Method

MRI

Magnetic Resonance Imaging

NS

Navier-Stokes

ODE

Ordinary Differential Equation

OSI

Oscillatory Shear Stress

PC-MRI

Phase-Contrast Magnetic Resonance Imaging

PDE

Partial Differential Equation

PWV

Pressure Wave Velocity [m s−1 ]

RCC

Right Common Carotid artery

REI

Right External Iliac artery

40

Nomenclature

RII

Right Internal Iliac artery

ROI

Region of Interest

RRA

Right Renal Artery

RRT

Relative Residence Time [P a−1 ]

RSA

Right Subclavian Artery

SMA

Superior Mesenteric Artery

SST

Shear-Stress Transport model

SV

Stroke Volume [ml]

TAWSS

Time-Averaged Wall Shear Stress [P a]

TEVAR

Thoracic Endovascular Aortic Repair

TL

True Lumen

TMF

Transmural Force [N ]

TMP

Transmural Pressure [mmHg]

Tran-SST

Transitional Shear-Stress Transport model

US

Ultrasound

WK2

Two-element Windkessel model

WK3

Three-element Windkessel model

WSS

Wall Shear Stress

Symbols2
α

Womersley number

∆t

Time-step [s]

δ

Displacement [m]

γ̇

Shear rate [s−1 ]
2 The

list provides the most commonly used symbols in the thesis.

41

Nomenclature

`

Tube length [m]

P̂dia

Target diastolic pressure [mmHg]

P̂sys

Target systolic pressure [mmHg]

D

Distensibility [P a−1 ]

µ

Dynamic viscosity [P a s]

τ

Shear stress [P a]

A

Area [m2 ]

C

Compliance [ml mmHg −1 ]

CA

Area compliance [m2 P a−1 ]

Caorta

Aortic compliance [ml mmHg −1 ]

Ctot

Total arterial compliance [ml mmHg −1 ]

D

Diameter [m]

E

Young’s modulus [P a]

h

Vessel wall thickness [m]

K

Stiffness coefficient [N m−3 ]

L

Inertance [mmHg s2 ml−1 ]

l

Length of a vessel segment [m]

P

Pressure [mmHg]

Paorta

Aortic domain-averaged pressure [mmHg]

Pdia

Diastolic pressure [mmHg]

Ppulse

Pulse pressure [mmHg]

Psys

Systolic pressure [mmHg]

Q

Flow rate [ml s−1 ]

Q3D

Flow rate at the inlet of the 3D domain [ml s−1 ]

42

Nomenclature

QIN

Inlet flow rate [ml s−1 ]

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

St

Strouhal number

T

Duration of cardiac cycle [s]

t

Time [s]

Tdia

Duration of diastolic phase [s]

Tsys

Duration of systolic phase [s]

xi

Fraction of the cardiac output leaving outlet i

43

Chapter 1

Introduction

T

his chapter provides an overview of the motivation and background of
the work, followed by an introduction to the relevant aspects of the

physiology of the aorta and the pathology of aortic dissection (AD). Current
modelling approaches for cardiovascular computational fluid dynamics (CFD),
and more specifically for AD, are reviewed and a number of outstanding issues
that will be addressed in this research identified.

1.1

Motivation and Background

Cardiovascular disease (CVD) is the most common cause of mortality in Europe and it accounts for about 45% of all deaths, equal to more than 4 million
deaths per year (Townsend et al., 2015). Among CVD, AD is still an extremely
severe condition with high mortality rates.
With an incidence of 3-4 cases per 100,000 every year in the United Kingdom and United States, AD is the most common aortic emergency, more frequent than ruptured aneurysms (Thrumurthy et al., 2011). The mortality
rates are still high, with 40% of patients dying on presentation and a further
1% rate of death per hour if untreated (Strayer et al., 2012).
Diagnosis, management and treatment of AD are extremely patientspecific and challenging; in fact, one expert claims that ‘difficulty in diagnosis,
delayed diagnosis or failure to diagnose are so common as to approach the
norm for this disease, even in the best hands...’ (Elefteriades et al., 2007). It
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is estimated that between 15 and 43% of the cases are not diagnosed on initial
presentation (Hansen et al., 2007; Sullivan et al., 2000). This is because the
signs and symptoms of AD can be present in almost any body part and organ,
and each of them can often be associated with other more common conditions.
Classification and medical management of ADs is based on the anatomical location of the dissection: those involving the ascending aorta (Stanford
type-A) are more dangerous and surgery is recommended as soon as possible if the patient is medically fit (Erbel et al., 2014). On the other hand,
the treatment of dissections affecting only the descending and/or distal aorta
(Stanford type-B) is more variable and patient-specific. In case of complications (such as end-organ ischemia, aneurysm formation, periaortic hematoma
or rupture, or uncontrolled hypertension) surgical intervention is the preferred
choice - in general through thoracic endovascular aortic repair (TEVAR) whereas uncomplicated type-B dissections are usually managed conservatively
by controlling blood pressure and heart rate (Fattori et al., 2013). However,
the long-term prognosis of medically treated ADs remains poor, with delayed
aortic dilation and late-term complications reported in 25-50% of the cases
within 5 years (Akin et al., 2010). In light of this, a pre-emptive endovascular
treatment of uncomplicated type-B ADs could improve the prognosis of the
disease, but currently there is no consensus amongst vascular surgeons on the
suitability of this approach (Nienaber and Clough, 2015). Despite its potential
benefits, endovascular repair does not come without complications; it may be
associated with peri-intervention stroke, aortic rupture and retrograde dissection, and with stent graft-related complications such as endoleaks. Therefore,
a conservative approach can still be the best choice for many patients (Nienaber et al., 2010). However, a subset of patients, especially those developing
an extensive aneurysmal degeneration during the follow-up, hence losing the
chance of endovascular treatment, may benefit from a preventive intervention
(Van Bogerijen et al., 2014). TEVAR intervention performed during the subacute phase (i.e. 8-30 days from onset) is thought to promote a more rapid
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remodelling of the dissected aorta (Parisi et al., 2015). Therefore, predicting
adverse outcomes in conservatively treated uncomplicated ADs can be particularly helpful in the clinical management of this condition. Currently, some
anatomical predictors of aortic dissection growth are used to customise the
follow-up and treatment planning; however, haemodynamic information such
as flow patterns, pressures, velocity and wall shear stress indices can provide a
more comprehensive understanding of the condition, and can have a prognostic
value (Clough et al., 2012).
In this context, patient-specific computational modelling, and specifically
CFD, has potential benefit for AD patients and can aid the clinical decisionmaking process around the disease.
In the last few years and after decades of research, patient-specific cardiovascular modelling has started transitioning from academia to clinical application. A milestone in this process has been the approval of the CFD-based
software HeartFlowr (Redwood City, California, USA) by the Food and Drug
Administration (FDA) in the United States, and more recently by the National
Institute for Health and Clinical Excellence (NICE) in the United Kingdom
(Rajani et al., 2017). HeartFlowr enables the non-invasive quantification of
the ischaemic risk of a coronary artery stenosis via the computational assessment of the Fractional Flow Reserve (FFR). This software creates a personalised CFD model of the coronary arteries using data from a standard computed tomography (CT) scan. It demonstrates how computational modelling
can impact the clinical practice by adding a functional value to traditional
anatomical diagnostic images. In doing so, it reduces invasive and costly
procedures, such as angiography, by better informing the clinical treatment
pathway (Hlatky et al., 2015).
Patient-specific computational modelling represents a cornerstone of ‘precision medicine’, also colloquially described as ‘providing the right treatment
at the right time to the right patient’ (Mirnezami et al., 2012). Precision
medicine envisions a paradigm shift in the treatment of patients, moving from
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targeting the ‘average’ patient to benefitting the ‘individual’ patient. Computational models can be personalised and used to predict the disease progression
or the outcome of an intervention for any given patient.

Figure 1.1: Patient-specific image-based CFD modelling workflow typically involves the integration of patient’s data (i.e. personalised) and external data (i.e.
non-personalised) with a mathematical model solved by a computer. The model
combines the governing equations of the underlying physics with the relative initial
and boundary conditions with a the mathematical representation of the patient’s
anatomical geometry. The patient-specific geometry is typically derived from various clinical imaging modalities via a process that involves (1) image acquisition,
(2) image segmentation and reconstruction, and (3) spatial discretisation in small
‘elements’ (i.e. mesh generation). Patient-specific data not used for model implementation can be used for validation purposes. Figure modified from Gray and
Pathmanathan (2018) with permission.

Figure 1.1 shows the typical workflow for the implementation of a patientspecific (image-based) CFD model.

It typically involves the collection of

patient-specific raw data which is processed and integrated in a mathematical model together with external (i.e. non-personalised) data and parameters.
The mathematical model includes the governing equations of the underlying
physical phenomena and the relative boundary (BCs) and initial conditions as
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well as the numerical representation of the patient’s anatomical geometry. The
mathematical model is solved by a computer and the simulation results can
be used for personalised clinical predictions and/or virtual treatments (Gray
and Pathmanathan, 2018).
Due to its patient-specific features and clinical management, AD presents
an ideal condition to study using personalised computational modelling. Potential clinical applications are the study of the patho-physiological intra-aortic
haemodynamics informed by non-invasive clinical data in order to guide therapeutic procedures and simulate virtual interventions (Doyle and Norman,
2016). However, AD is one of the most challenging vascular pathologies to
simulate not only due to the complex anatomical geometries, resulting in complex computational scenarios, but also by the potential effects arising from the
interaction between the dissected aortic structure and the blood flow (Morris
et al., 2015).
The modelling approaches used for CFD simulations of AD differ significantly across published studies, especially regarding the treatment of BCs,
computational methods and model complexity. Currently there are no published CFD-based clinical trials, and the majority of the research consists of
single centre studies and small cohort of patients. There is no established
workflow for AD simulation, and computational approaches need to be further
developed in order to be translated into clinical applications.
The aim of this research is to tackle some of the outstanding challenges
related to haemodynamic simulation of AD in order to facilitate the clinical
translation of computational tools for the management of the condition with
particular emphasis on type-B AD.

1.2

The anatomy of the aorta

The aorta is the main and largest artery in the body (Figure 1.2); originating
directly from the heart, it delivers oxygenated blood to all parts of the body
through the systemic circulation. It carries, in an average lifetime, about 200
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million litres of blood (Erbel et al., 2014).
Anatomically, the aorta is traditionally divided into sections (Tortora and
Derrickson, 2011). The first part (about 5-7 cm) is the ascending aorta. It
arises from the left ventricle of the heart, just after the opening of 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 coronary arteries. Coronary arteries are responsible for the oxygen
supply to the heart muscle, the myocardium (Tortora and Derrickson, 2011;
Drake et al., 2019).
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,
which ultimately ends to the left of the trachea. The aortic arch usually has
three branches: the innominate artery or brachiocephalic trunk (BT), the left
common carotid artery (LCC), and the left subclavian artery (LSA). The BT
splits immediately after into the right common carotid artery (RCC) and in
the right subclavian artery (RSA). The aortic arch ends at the level of the
intervertebral disc between the fourth and fifth thoracic vertebrae, where the
descending aorta begins.
The descending aorta is divided into two sections by the diaphragm: the
thoracic and the abdominal aorta (Tortora and Derrickson, 2011; Drake et al.,
2019). The intercostal, subcostal, and left bronchial arteries arise from the
thoracic aorta, whereas the abdominal aorta gives rise to some important arterial branches before splitting in the left and right common iliac arteries, such
as the visceral arteries (the celiac trunk (CT), the superior mesenteric artery
(SMA) and the inferior mesenteric artery) and the left and right renal arteries
(LRA, RRA) (Tortora and Derrickson, 2011; Drake et al., 2019). The abdominal aorta can be further sub-divided in the suprarenal (i.e. the portion above
the renal arteries) and infrarenal (i.e. below the renal arteries) segments.
The aorta is a compliant artery, its wall consisting of three layers: from
the inside to the outside, these are tunica intima, tunica media, and tunica
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Figure 1.2: Segments of the ascending and descending aorta and its main branches.
Figure from Nienaber et al. (2016a) with permission.

adventitia (Figure 1.3a). The intimal layer is made of the endothelium - a
single layer of smooth endothelial cells - supported by a connective-tissue sublayer, the basement membrane and the internal elastic lamina. Endothelial
cells have a key role in controlling the body homeostasis. The endothelium
provides a non-thrombogenic blood-tissue interface and regulates thrombosis,
thrombolysis and platelet adherence. It maintains a barrier to the free passage of molecules and cells from the blood to the surrounding tissues, and
plays a unique function in host defence and inflammation (Galley and Webster, 2004). Moreover, by producing vasodilator and vasoconstrictor molecules,
it contributes to the regulation of the blood flow and pressure (Vane et al.,
1990). It is involved in the angiogenesis and in the repair of damaged or diseased organs (Bouïs et al., 2006). Being involved in many physiological functions, it is evident that an uncontrolled endothelial cell response contributes
to many pathological conditions, such as atherosclerosis, hypertension, sepsis
and inflammatory syndromes (Galley and Webster, 2004). The tunica media
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consists of smooth-muscle cells and elastic tissue (i.e. elastin fibres interposed
with collagen) which provide the aorta with its exceptional distensibility and
elasticity. Finally, the tunica adventitia, supported by the external elastic lamina, constitutes the external layer of the aorta, and contributes to its integrity
providing a sheath made primarily by collagen and connective tissue; it includes small blood vessels - called vasa vasorum - that support the cells that
make up the arterial wall (Tortora and Derrickson, 2011; Drake et al., 2019).
In addition to the conduit function, the aorta has an important role
in controlling the systemic vascular resistance and heart rate (HR), through
pressure-responsive receptors located in the ascending aorta and aortic arch.
An increase in the aortic blood pressure leads to a reduction of the systemic
vascular resistance and HR, and vice-versa a decrease in the aortic pressure
leads to an increase in systemic vascular resistance and HR. Moreover, via its
remarkable elastic and compliant properties, the aorta acts as a ‘second pump’
beside the heart, allowing the maintenance of a certain level of blood flow during diastole, which is of utmost importance for coronary perfusion (Erbel et al.,
2014).

1.3

Aortic dissection: clinical perspective

Acute AD is a life-threatening vascular condition with high morbidity and
mortality rates (Nienaber et al., 2016b). It is the most common acute aortic syndrome (AAS), a class of clinical conditions characterised by common
pathophysiological processes (i.e. disruption of the intima and media layers),
clinical characteristics, and diagnostic and therapeutic procedures (Nienaber
and Clough, 2015). The other two clinical entities constituting AAS are the
intramural haematoma and penetrating atherosclerotic aortic ulcer.

1.3.1

Pathogenesis of Aortic Dissection

AD is characterised by the separation of the layers of the aortic wall: the blood
flows through a tear in the intima layer into the media leading to the forma-
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tion of two flow channels, the true (TL) and false lumen (FL), separated by
an intimal flap (IF) (or septum) (Strayer et al., 2012) (Figure 1.3a). Dissection usually propagates anterogradely in a spiralled or straight way, affecting
the thoracic and abdominal aorta, while in some cases may extend in the retrograde direction towards the aortic root. Progression can involve important
side branches, leading to cerebral, coronary, mesenteric, renal, or limb ischemia
(Patel and Arora, 2008). Due to pressure imbalances between the two lumina
during the cardiac cycle, the FL may compress or obstruct the blood flow in
TL, resulting in malperfusion syndrome. The FL can either remain patent
or thrombose, it can re-connect with the TL via one or more distal tears although in some cases a distal FL outflow can be assent (Erbel et al., 2001)
- or can rupture.
Despite advances in diagnostic and therapeutic modalities that have significantly improved AD prognosis in recent years, much of its aetiology and
pathogenesis remains unknown (Nakashima, 2010). Traditionally, AD has been
considered as originating from a tear in the intimal layer, which typically occurs in areas of the aortic lumen where the rate of blood pressure rise (dP/dt)
is highest (Williams et al., 1988), namely the ascending aorta. Intra-aortic
pressure causes the blood to flow within the medial layer, creating a bloodfilled space that becomes the FL. It is thought that the aortic wall splits in the
IF and FL wall in a two-third, one-third thickness configuration, respectively
(Tsai et al., 2008). A ‘weakness’ of the medial layer is necessary for extensive
and non-traumatic ADs (Wheat, 1987). This can be either due to aortic ageing, characterised by the fragmentation of elastin and increased collagen-elastin
ratio which leads to loss of elasticity and consequent increase of aortic wall’s
stresses, or to structural abnormalities of elastic fibers due to degenerative
diseases, as cystic medial necrosis (Nakashima, 2010).
An alternative pathophysiological pathway expects AD to originate from
the rupture and haemorrhage of the vasa vasorum in a region of aortic medial
weakness, which is then followed by the development of an intimal tear (Patel
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Figure 1.3: Schematic of the pathogenesis of aortic dissection (AD): (a) the aortic
wall comprises three layers: the intima, the media and the adventitia. In most cases,
AD originates from a tear in the intimal layer that causes the blood to flow within
the medial layer, forcing the layers apart. (b) In some cases, the rupture of the vasa
vasorum leads to bleeding within the medial layer and formation of an intramural
haematoma, which may progress to form an AD. Figure from Nienaber et al. (2016a)
with permission.

and Arora, 2008) (Figure 1.3b). This hypothesis is supported by the fact that
about 10% of the ADs presented no intimal tears during autopsies (Gore and
Hirst, 1973), an observation that formally leads to the classification of these
cases as intramural haematomata. An objection to this theory comes from
the fact that since the pressure in the aortic lumen is higher than in the vasa
vasurum, a tear propagating from the latter to the former seems less likely.

1.3.2

Risk factors

The risks factors of AD can be divided in two main groups: conditions associated with aortic media abnormalities and conditions that increase the aortic
wall stresses (Table 1.1). Among the conditions that weaken the vessel and accelerate medial degeneration are Marfan, Ehlers-Danlos and Loeys-Dietz syndromes, inflammatory diseases of the aorta (e.g. Giant cell, Takayasu and
syphilitic aortitis), bicuspid aortic valve, atherosclerosis and pregnancy. Nevertheless, the majority of cases are associated with conditions that increase
the forces exerted by the blood flow on the vessel wall, such as hyperten-
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sion (present in 77% of the patients registered in the International Registry
of Aortic Dissection (IRAD)), aortic coarctation, pregnancy, weightlifting, deceleration trauma, and abuse of cocaine or other stimulants (Goldfinger et al.,
2014; Lange and Hillis, 2001). Hypertension, besides increasing aortic wall
stresses, leads to intimal thickening, fibrosis and degradation of the extracellular matrix which results in abnormalities of the intimal architecture. The
intimal thickening affects the supply of nutrients to the medial layer causing
smooth muscle cells necrosis and fibrosis of the elastic fibers, leading to a loss
of vessel wall distensibility, which in turn increases the susceptibility of the
aorta to traumatic forces (Patel and Arora, 2008).
Table 1.1: Main risk factors for the development of aortic dissection.
Related to increased wall stress

Related to media abnormalities

Hypertension
Age
Cocaine or other stimulant use
Weightlifting or Valsalva manoeuvre
Deceleration trauma
Iatrogenic trauma

Marfan syndrome
Ehlers-Danlos syndrome
Bicuspid aortic valve
Aortitis (e.g. giant cell, Takayasu)
Atherosclerosis
Pregnancy

1.3.3

Classification

Anatomically, two classification schemes are commonly adopted to describe
AD: the DeBakey and the more recent Stanford scheme (Figure 1.4).
The DeBakey system classifies ADs based on the location of the entry tear
and on the extension of the dissection as follows:
• Type I: entry tear in the ascending aorta (i.e. proximal to the BT) and
dissection involving the aortic arch and descending aorta;
• Type II: entry tear and dissection involving only the ascending aorta;
• Type III: entry tear in the descending aorta (i.e. distal to the LSA) propagating distally only in the thoracic aorta (Type IIIa) or the abdominal
aorta below the diaphragm (Type IIIb).
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The Stanford classification, on the other hand, divides ADs according to
whether the ascending aorta is involved (type-A) or not (type-B) (Nienaber
and Clough, 2015), irrespective of the site of the entry tear. Note, from Figure
1.4, that involvement of the aortic arch without involvement of the ascending
aorta is labelled as type-B. Approximately, two-thirds of ADs are classified as
type-A dissections, and the rest as type-B (Criado, 2011).
Recently, an additional stratification of ADs originating from the aortic
arch has been proposed by Trimarchi et al. (2019), based on the different
clinical treatment that they receive in case of anterograde or retrogade extension. In fact, the IRAD shows that ADs with primary entry tear in the arch
and extending towards the ascending aorta are commonly managed with open
surgery, whereas those extending towards the descending aorta are treated with
a patient-specific approach. Following this observation, a sub-classification of
these dissections in ‘arch-A’ (i.e. retrograde extension with or without anterograde extension) and ‘arch-B’ (i.e. only anterograde extension into the
descending aorta) has been proposed.
Temporally, ADs are defined as acute within 2 weeks of symptom onset,
and chronic beyond 2 weeks. More recently, a new temporal classification has
been proposed with four time domains (Booher et al., 2013):
• hyperacute (<24h);
• acute (2-7 days);
• sub-acute (8-30 days);
• chronic (>30 days)

1.3.4

Diagnosis

A prompt diagnosis is of vital importance for AD patients; in fact, mortality
in the first 48 h of type-A ADs is 1-2 % per hour if left untreated. However,
the diagnosis is extremely challenging because symptoms can be various and
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Figure 1.4: Anatomical classification of aortic dissection. Figure from Nienaber
and Clough (2015) with permission.

affect almost all body parts and organs, and are likely to be associated with
other more common high-risk pathologies. Moreover, two or more of the classic
features of the disease (e.g. abrupt pain in onset or pain of ripping/stabbing
quality, blood pressure differential, mediastinal widening on chest x-ray) are
present in only 25% of the patients, and 1 in every 25 of them has none of the
typical features (Klompas, 2002). However, recent advances in clinical imaging
has enabled a more accurate diagnosis of AD. In particular, CT scans, magnetic resonance imaging (MRI) and transesophageal echo-cardiography (TOE)
are excellent non-invasive diagnostic tools for AD, commonly used worldwide
(Bossone et al., 2018).
TOE is an ultrasound (US) technique that enables to quickly and accurately evaluate patients with suspected type-A AD. It has the advantage that
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can be performed at the bedside or directly in the operating theatre with no
need of contrast agents (Erbel et al., 2014). However, it is not recommended
for long-term surveillance due to the lack of easily identifiable markers facilitating the comparison between different acquisitions and the possibility to
assess the entire aorta.
CT and MRI scans enable the imaging of the entire aorta and its branches
with high contrast and spatial resolution. Due to the time involved in these
imaging modalities, they may not be suitable for unstable patients.
Contrast-enhanced CT scans have higher spatial resolution than MRI,
and permit the assessment of the calcification of the aortic wall (Figure 1.5).
However, the use of iodinated contrast agents can lead to risk for allergic
reactions and renal insufficiency, and the use of ionising radiation poses a
significant cancer risk, in particular in the case of long-term surveillance.
MRI on the other hand, besides providing an accurate assessment of the
aortic anatomy, can give functional haemodynamic (i.e. blood flow) information if associated with phase-contrast velocity mapping (PC-MRI). Newer
imaging modalities such as four-dimensional flow MRI (4D-flow MRI) enable
the measurement of time-resolved three-dimensional (3D) velocity fields in
the aorta (Dyverfeldt et al., 2015); however, the resolution of such imaging
methods is generally not high enough and the typical low velocities in the FL
prevent the acquisition of reliable measurements (Nienaber and Clough, 2015).
Compared to CT, the longer scan time duration (i.e. 20-30 min) makes MRI
less suitable for emergency scenarios and, in the post-operative setting, severe
artefacts due to the presence of metallic stents and/or prostheses can impede
the correct visualisation of the aorta (Bossone et al., 2018).

1.3.5

Management and outcomes

The initial management of a diagnosed acute AD aims at preventing the progression of the dissection by controlling the blood pressure (i.e. systolic blood
pressure between 100 and 120 mmHg), heart rate (i.e. 60-80 bpm) and limiting
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Figure 1.5: Computed tomography (CT) scan of a patient with a type-B aortic
dissection. (a) CT slices at the level of the entry tear and of the descending thoracic
aorta; (b) three-dimensional rendering of the reconstructed aorta.

dP/dt, as well as managing the pain. The first-line drugs are β-blockers, which
allow a precise control of the pressure pulse (Nienaber and Clough, 2015).
Following initial stabilisation, the clinical management depends on the dissection site, presence of complications and signs of disease progression (Figure
1.6).
Stanford type-A ADs can propagate proximally and involve the coronary
arteries and aortic valve, leading to life-threatening complications such as myocardial infarction, pericardial tamponade, acute heart failure, occlusion of the
neck vessels and rupture. For this reason, type-A dissections are considered
critical, and surgery is usually performed immediately. If only the ascending
aorta is involved, the typical surgery consist in the implantation of a tubular
graft under a short period of aortic clamping. When the dissection extends to
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Patient with chest pain

Blood biomarkers,
electrocardiogram

Urgent CT scan

Acute coronary syndrome

Acute aortic dissection

Stanford type‐A

Pulmonary embolus

Stanford type‐B
Complications:
• Aortic rupture
• Malperfusion syndrome
• Refractory pain and
hypertension despite
medical treatment
• False lumen expansion
• Large single entry tear

Open surgery after initial
risk assessment

Uncomplicated:
Best medical treatment
(BMT)

Complicated:
Endovascular treatment
(TEVAR)

Figure 1.6: Flowchart for the clinical management of type-B aortic dissection.
Figure modified from Nienaber and Clough (2015) with permission.

the arch a period of circulatory arrest is required instead, in order to allow the
reconstruction of the aortic arch. Thus, even if innovative arch prosthesis including supra-aortic branches have made the surgical times more predictable,
precautions such as anterograde cerebral perfusion and lower body hypothermia are necessary (Erbel et al., 2014). When AD extends from the ascending
to the descending aorta, an extensive repair including graft replacement of
the ascending aorta and arch, and stent-grafting of the descending aorta may
be necessary (i.e. frozen elephant trunk procedure, Figure 1.7) (Weiss et al.,
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2015). This procedure prolongs the operation and thus the risk of neurological complications, but is likely to reduce the risk of late re-intervention.
Otherwise, a ‘residual post-type-A’ dissection (involving the aortic arch and
the descending thoracic aorta after the surgical replacement of the ascending
thoracic aorta) managed as a classic type-B AD, may remain.

Figure 1.7: Schematic of the frozen elephant trunk procedure for the repair of
type-A dissections involving the descendin thoracic aorta. Figure from Uchida et al.
(2013) with permission.

Type-B dissections are less critical than type-A and, in the absence of complications, the patient can be stabilised medically by controlling pain, blood
pressure and heart rate, and treated conservatively with the Best Medical
Treatment (BMT) (Strayer et al., 2012). Complications of type-B AD include
signs of rupture, malperfusion, refractory pain, uncontrollable hypertension,
retrograde dissection into the ascending aorta, and - in the long term - aortic
dilation and aneurysm formation (Elefteriades et al., 1999). The European
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Society of Cardiology (ESC) guidelines recommend an endovascular procedure
(i.e. TEVAR) for the treatment of complicated type-B dissection. A TEVAR
procedure for a complicated acute type-B AD with malperfusion is shown in
Figure 1.8. TEVAR is aimed at covering the main entry tear with a stent-graft
and obstructing the blood flow into the FL in order to depressurise it. The reduced blood flow promotes the thrombosis and shrinkage of the FL, ultimately
avoiding aneurysm formation and rupture, while the redirection of the blood
flow into the TL may resolve malperfusion of visceral organs. When important
side branches are involved in the dissection (e.g. LSA), a surgical revascularisation of these branches is performed alongside TEVAR. A fenestrated and/or
branched endograft (Erbel et al., 2014) may alternatively be used.
Malperfusion can be either caused by a static ‘stenosis-like’ obstruction of
peripheral organ arteries caused by the extensions of the IF in these vessels,
or by a dynamic compression of the TL due to the fluctuating higher blood
pressure in the FL. The latter is more likely when small re-entry tears, which do
not allow sufficient blood outflow in the distal aorta, are associated to a large
entry-tear in the proximal region of the dissection. In order to treat dynamic
malperfusion syndrome, the fenestration of the IF is often adopted. With this
technique, large communications between the TL and FL are created using a
needle through a trans-femoral approach with the ultimate aim of reducing the
pressure in the FL (Erbel et al., 2014). Remodelling of the aorta is less likely in
patients presenting connective tissue disorders, thus these patients and those
with an unsuitable anatomy for endovascular procedures are normally treated
with open surgery (Nordon et al., 2009).
Despite its potential benefit, TEVAR does not come without complications; it can be associated with peri-intervention stroke, aortic rupture and
retrograde dissection, and with stent graft-related complications such as endoleaks.
The best treatment for uncomplicated type-B ADs remains a matter of
debate. In fact, between 20% and 50% of the medically treated type-B ADs
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Figure 1.8: Thoracic endovascular aortic repair (TEVAR) in complicated typeB aortic dissection (AD). (a) AD presentation. The entry tear is located in the
proximal descending thoracic aorta. The morphology of the intimal flap indicates
collapse of the true lumen with dynamic obstruction of the celiac trunk (CT) and
superior mesenteric artery (SMA): the dissection does not extend into them but
rather occludes them by intermittent fluctuations of the flap during the cardiac cycle.
Signs of static obstruction can be seen in the left renal artery (LRA), due to the
propagation of the dissection into this vessel and the presence of a thrombus in the
left renal artery false lumen which can cause malperfusion. (b) A stent graft is placed
in the correct location and the deployment is started via balloon dilation. (c) The
stent graft is deployed and an aortography is performed to check correct positioning
and eradication of flow through the entry tear. Intravascular ultrasonography can
be used to evaluate the resolution of dynamic obstruction of CT and SMA. (d) The
static obstruction of the LRA is resolved with a self-expanding stent with 10% of
over-sizing. Figure adapted from Patel and Williams (2009) with permission.

will require invasive management during follow-up as a result of aneurysmal
degeneration or the occurrence of complications (Kamman et al., 2017). In this
context, a pre-emptive endovascular treatment for uncomplicated type-B ADs
in the acute or sub-acute phase could improve the prognosis of the disease,
avoiding the risks and challenges of an intervention during the chronic phase,
complicated by the thickening and scarring of the IF and by the chronically
narrow TL.
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Several clinical trials have been performed to investigate the suitability of
this approach. The Acute Dissection Stent Grafting or Best Medical Treatment (ADSORB) trial showed that at 1-year follow-up there were benefits of
TEVAR related to FL thrombosis and consecutive remodelling and reduction
of FL diameter (Brunkwall et al., 2013). The INvestigation of STEnt grafts in
Aortic Dissection (INSTEAD) trial with 2-year follow-up shows that TEVAR
did not improve survival and adverse event rates despite positive aortic remodelling (Nienaber et al., 2009). More recently, data from the 5-year follow-up
from INSTEAD-XL demonstrated that TEVAR combined with BMT was associated with reduced aortic-related mortality, delayed disease progression and
favourable remodelling (Nienaber et al., 2013). However, there was no difference regarding total mortality; moreover the trial was relatively small in size
and there is a clear need for larger, long-term and randomised trials to reach
a consensus over the best treatment for stable type-B ADs (Bossone et al.,
2018).

1.3.6

Long-term follow-up

AD is a lifelong pathology, and so all the patients, either treated with BMT,
surgical or endovascular repair, require constant clinical and imaging monitoring. The 10-year survival rate after hospitalisation is between 30% and 60%
(Bossone et al., 2018). Pharmacological treatment should be maintained to
control the blood pressure (i.e. 120/80 mmHg) and the heart rate (i.e. 60-80
bpm.). Moreover, guidelines recommend CT or MRI surveillance (both allow
the assessment of the entire aorta) before discharge and at 1, 3, 6, and 12
months, and annually thereafter, depending on the patient-specific conditions.
MRI should be preferred to CT due to the ionising radiations, in particular in
young patients.

1.3.7

Predictors of outcome

Despite adequate anti-hypertensive medical treatment of stabilised type-B dissections, data shows that late-term complications requiring invasive interven-

64

1.3. Aortic dissection: clinical perspective

tion affect up to 50% of the patients (Van Bogerijen et al., 2014), and a 30%
cumulative mortality at 5 years (Nienaber et al., 2013). While endovascular
treatment is highly preferred to open surgery, which carries elevated in-hospital
mortality (25-50 % according to Bossone et al. (2018)) and higher risk of major
complications, it can be very challenging and not feasible in a chronic setting.
Thus, predictors of adverse outcomes measurable in the acute/sub-acute phase
of the disease are much needed.
Signs of disease progression and impending rupture are persistent pain and
uncontrollable hypertension. Morphological risk factors include a diameter of
the aorta on admission bigger than 40 mm and a large entry tear (>10 mm)
in the proximal part of the dissection. Moreover, there is some evidence that a
FL with a diameter larger than 22 mm and an aortic diameter equal or greater
than 55 mm are indices of late dilatation, but prediction of both late-term
adverse events and early complications is uncertain (Doyle and Norman, 2016;
Van Bogerijen et al., 2014). Functional imaging techniques such as positron
emission tomography (PET) combined with CT or MRI, are able to assess the
inflammatory processes in the aortic wall that may have a prognostic value
(Kato et al., 2010).
Another important aspect related to AD progression is the thrombosis of
the FL (Figure 1.9). Imaging studies found that the complete thrombosis of the
FL has a positive prognostic value, while a patent FL is correlated to increased
risk of aortic dilation and death. FL partial thrombosis (i.e. concomitant
presence of flow and thrombus) was identified as a significant independent
predictor of post-discharge death, with an increased risk of death of 2.7-fold
compared to a patent FL (Tsai et al., 2007).
In order to explain the poor prognosis of patients with a partial thrombosis
of the FL, it has been hypothesised that a thrombus-related occlusion of the
distal tear may impair the outflow of the FL and lead to higher pressure.
By using an in vitro phantom, Tsai et al. (2008) observed that diastolic FL
pressures, which can lead to aortic wall expansion, are highest in the presence
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Figure 1.9: Scenarios of false lumen (FL) thrombosis in type-B dissections: (a)
patent FL with proximal and distal tears; (b) partial thrombosis of the FL with
occlusion of the distal tear; (c) operated dissection with a proximal stent graft
covering the entry tear and a patent exit tear. Figure from Tsai et al. (2008) with
permission.

of small proximal tears and when a distal tear is absent.
It is evident that haemodynamics play a critical role in the formation and
progression of AD. Methods that enable the non-invasive assessment of parameters such as intra-aortic blood flow, velocities and pressures would be of real
benefit to patient stratification and to the management and understanding of
the disease (Clough et al., 2014). Recently, Liu et al. (2018) demonstrated
how 4D flow MRI enables the visualisation of blood velocities and the assessment of blood flow in the dissected aorta by studying 14 patients with type-B
AD; however the high cost and acquisition time, together with measurement
noise, flow artefacts and low resolution, currently limit the clinical use of this
technique (Bakhshinejad et al., 2017).
Computational approaches such as CFD are able to provide information on fluid dynamic parameters with high spatial and temporal resolution. CFD has already provided significant insight into the haemodynamics of
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many cardiovascular pathologies, such as coronary diseases, cerebral and aortic
aneurysms (Morris et al., 2015) and is particularly amenable to the study of
AD due to its complexity and patient-specific nature. The application of CFD
to ADs has recently gained momentum, as shown by the increasing number of
studies published in the last years (Sun and Chaichana, 2016).

1.4

Aortic dissection: computational haemodynamics

Computational haemodynamic modelling has been successfully applied to the
study of aortic pathologies, in particular, abdominal aortic aneurysms (AAA),
as shown by the extensive literature on this topic (e.g. Biasetti et al. (2010,0);
Lu et al. (2008)).
The clinical challenges that AD poses, together with the rich availability
of imaging data from different modalities that accompany the diagnosis and
surveillance of this pathology, make it a perfect candidate for patient-specific
modelling.
One focus-area of computational modelling of type-B AD is the study
of AD haemodynamics. Through CFD, it is possible to investigate, noninvasively, the intra-aortic pressure and its imbalance between the two lumina,
the wall-shear stress (WSS)-related indices, detailed velocity fields and vortical
structures that are involved in the disease development and progression.
In this section, an introduction to the computational methods applied to
the study of cardiovascular fluid dynamics will be first provided. This will
be followed by a literature review of the research undertaken for the study of
the haemodynamics of type-B AD. In particular, the different computational
approaches and the objective of patient-specific modelling will be presented
and discussed. This section will then end with a discussion of the challenges
and issues emerged from the review of the literature.
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1.4.1

Cardiovascular computational fluid dynamics

In engineering terms, the fluid dynamics in the cardiovascular system is, in
most cases, related to the study of incompressible flow in pipes, connected in
more or less complicated networks. The governing equations describing the
haemodynamic behaviour of blood flow are based on the principle of conservation of mass and momentum. These are described through non-linear, partial
differential equations (PDEs), for which an analytical solution is available only
in relatively simple cases. The most widely used analytical solutions are for
Poiseuille flow (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 Womersley flow (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). In order to study the blood flow in more complex scenarios (i.e.
patient-specific geometries and boundary conditions), approximate numerical
solutions are needed. The fluid dynamics equations can be simplified to lower
spatial dimensions resulting in numerical models of variable complexity. In the
following sections, zero-dimensional (0D) and three-dimensional (3D) models
that are relevant in the present study will be introduced. One-dimensional
(1D) models are not reviewed herein, but the reader is referred to the excellent
review of Shi et al. (2011) for more details.
1.4.1.1

Zero-dimensional (0D) models

Lumped parameter, or 0D, models assume a uniform distribution of the simulated physiological variables (e.g. pressure (P) and flow rate (Q)) within any
compartment of the model (e.g. organ, vessel, segment of a vessel). Therefore, P and Q do not depend on spatial coordinates, but are only a function
of time (t). A hydraulic-electrical analogy is often employed when describing
0D models. According to this analogy, the pressure gradient, which drives
the blood flow against a hydraulic impedance is equivalent to the electric po-
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tential gradient (voltage) which drives the electric current against the electric
impedance (Shi et al., 2011). The hydraulic impedance is the combined effect
that friction losses, vessels/organs deformability and blood inertia have on the
blood flow, and is analogous to the electrical impedance, which combines the
effects of resistance, capacitance and inductance in a electric circuit. In Table
1.3, a summary of the hydraulic-electric analogy with its main components
and relative governing equations is presented.
Table 1.3: 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

Lumped-parameter models can be mono-compartmental or multicompartmental. In mono-compartment descriptions, an entire compartment of
the vascular system (up to the whole arterial system) is modelled with a single
combination of resistance (R), compliance (C) and/or inertance (L). The first
mono-compartmental model, mathematically described by Frank in 1899, is
the two-element Windkessel (WK2) model (Sagawa et al., 1990). It models the
pressure-flow relation at the inlet of the vascular system via a resistance and a
compliance connected in parallel (Figure 1.10a). The resistance represents the
frictional losses mainly located in the small arteries and arterioles (resistance
vessels), while the compliance takes into account the elasticity of the large conduit arteries. Despite its simplicity, the WK2 simulates well the behaviour of
the vascular system at low frequencies predicting fairly accurately the pressure
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decay during diastole, but falls short at higher frequencies (Westerhof et al.,
2009). In order to improve the WK2 predictions, Landes (1943) introduced a
proximal resistance connected in series to the WK2, leading to the well-known
three-element Windkessel model (WK3) (Figure 1.10b). In this model, the
sum of the two resistances represents the total systemic vascular resistance,
while the capacitance describes the compliance effects of the vascular system
(Westerhof et al., 2009). Windkessel models can be coupled to higher-order
models (e.g. 3D models) to serve as boundary conditions by modelling the
impedance of the downstream vasculature, not included in the high-order
model. This approach has also been adopted in AD models, as described in
Section 1.4.2.

Figure 1.10: Electric schematic of Windkessel models: (a) two-element Windkessel
model (WK2); (b) three-element Windkessel model (WK3).

Mono-compartmental 0D models describe the whole vascular system (or
a consistent part of it) as a single block, therefore, the distribution of P and
Q in the different segments of the vascular network is not resolved. Multicompartmental 0D models address this shortcoming by modelling the vascular
system as a network of connected 0D building-blocks. Each building-block
describes a vessel segment with a combination of R, C and L (Shi et al., 2011).
A typical RCL building-block describing a segment of a compliant artery is
shown in Figure 1.11. Lumped parameters R, C and L can be estimated by
the local characteristics of the vessel as shown below.
Frictional losses are taken into account by the resistance R, which can be
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Figure 1.11: Typical vessel segment model used as building-block in multicompartmental 0D models.

approximated using Poiseuille’s law, formally valid only for steady, laminar
flows in straight pipes of length l and diameter D:
R=

128µl
πD4

(1.1)

where µ is the dynamic viscosity of the blood. The deformability of the vessel
segments is accounted for by the compliance C, which can be estimated by
the geometrical characteristics (i.e. length l, radius r, wall thickness h) and
material properties (i.e. Young’s modulus E) of the vessel wall (Westerhof
et al., 2010):
C=

3 πr3 l
2 Eh

(1.2)

The inertial effects of the blood are simulated by the inertance L, which can be
derived from the momentum conservation equation for a plug-flow in a rigid
pipe of length l and radius r:

L=

ρl
πr2

(1.3)

where ρ is the density of the fluid. The resulting system of ordinary differential
equations (ODEs) describing the multi-compartmental network can be solved
numerically.
These 0D models constitute a simple and efficient way to describe the
main features of the blood flow in the vascular system. However, the lumpedparameter treatment is intrinsically unable to solve the non-linearities that
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characterise the cardiovascular haemodynamics, such as the convective acceleration terms of the momentum equations - which allow, for example, the
characterisation of the effects due to the change of vessel curvature, entrance
length for developing flows and flow separation - and the non-linear relationship
between the pressure and volume of a real vessel (Shi et al., 2011). Moreover, in
case of vascular pathologies, the approximation of complex arterial morphologies with 0D models may be problematic. In order to account for these effects,
a full 3D treatment of the governing fluid dynamics equations is needed, as
explained in the next section.
1.4.1.2

Three-dimensional (3D) models

Three-dimensional models are used to study in detail the local haemodynamics
in a region of interest. The governing equations of the fluid dynamics are
the continuity equation and the Navier-Stokes (NS) equations, which for an
incompressible (i.e. ρ = constant), isotropic and Newtonian (i.e. µ = constant)
fluid read as follows:
∇·U = 0
"

ρ

(1.4)

#

∂U
+ (U · ∇)U) = −∇p + µ∇2 U + ρf
∂t

(1.5)

where the unknown variables are the velocity vector field U = [u; v; w], with
u(x, y, z, t), v(x, y, z, t) and w(x, y, z, t) the instantaneous velocity components
in the x, y and z spatial directions, and the pressure field p(x, y, z, t). In
Equation 1.5, f represents a body force per unit mass such as the gravitational
force, which is negligible for most of cardiovascular applications (with the
exception of venous flow).
In order to obtain the flow and pressure fields in complex patient-specific
models, these equations need to be solved numerically by employing a CFD
code. CFD transforms these equations in a system of algebraic equations that
can be solved iteratively. In order to do so, the computational domain has to be
spatially discretised in a finite number of small elements or volumes (resulting
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in the so-called computational grid or mesh), and the time interval of the
studied phenomena has to be temporally discretised in a number of time-steps
(∆t). Moreover, appropriate BCs need to be specified at the boundaries of the
computational domain (i.e. walls, inlet(s) and outlet(s)). There are different
types of CFD codes resolving the fluid-dynamics in 3D models; in this thesis,
a commercial CFD code based on the Finite Volume Method (FVM) will be
used, as described in Chapter 2.

1.4.2

Approaches of aortic dissection modelling

Table 1.5 lists the main fluid dynamic computational studies of AD published
in the literature. The table illustrates how modelling approaches have evolved
through the years, moving from models with idealised geometries and simplified BCs towards anatomically accurate patient-specific multi-branched models
with realistic BCs. In this section, different aspects of CFD modelling of AD
will be analysed, including model geometry, treatment of the BCs and wall,
flow and fluid modelling.
1.4.2.1

Model geometry

The morphology of AD is highly variable and the combination of different aspects such as number, size and location of the tears, extension of the dissection,
aortic branch involvement, and FL to TL volume ratio, create a unique geometry for each patient. These geometrical features highly affect the intra-aortic
fluid dynamics; thus a correct representation of the patient-specific geometry
is vital for the implementation of personalised computational models.
Idealised geometries have been used in parametric studies aimed at assessing the impact of geometrical parameters on the fluid dynamics of AD
(Fan et al., 2010; Tang et al., 2012; Ben Ahmed et al., 2016). However, due
to the highly complex and patient-specific anatomy of the dissections, it is
difficult to reach general conclusions based on simplified aortic templates, and
morphologically-accurate models may be more suitable.
CFD models are commonly informed by MRI or contrast-enhanced CT
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scans, which provide a geometrical representation of the entire aorta. However,
despite MRI being suitable for the extraction of ‘simple’ geometries, such as
that of healthy aortas, its spatial resolution is not sufficiently high for an accurate reconstruction of the complex anatomies that characterise AD. Hence,
most of patient-specific computational models adopt geometrical models extracted from CT scans (Table 1.5). The extraction of the 3D geometry of
interest (i.e. the aortic lumen and its main branches) from the raw 2D images (i.e. CT slices) is a non-trivial process called segmentation. It employs
image-processing algorithms to separate the region of interest (ROI) (i.e. the
dissected aorta) from the background (i.e. the surrounding tissues), exploiting
the differences in image intensity (i.e. the grey-scale) in the various anatomical
regions.
Automatic segmentation is not yet possible for AD, and manual input is
still necessary. The presence of the thin IF between the two lumina leads to
numerous artefacts when direct segmentation approaches are employed, often
resulting in ‘false’ tears in the septum (Dillon-Murphy et al., 2016). Complicating the correct segmentation of the IF are pulsation-artefacts due to the
fast movement of the aortic wall and IF during the cardiac cycle, that can lead
to spurious structures resembling an (additional) IF within the aortic lumen
(Bossone et al., 2018). Electrocardiogram gated (ECG-gated) acquisitions can
reduce such artefacts and facilitate AD segmentation. As demonstrated by
Dillon-Murphy et al. (2016), minor secondary IF tears can significantly affect
local haemodynamics; therefore, it is important to carefully inspect the flap
for the presence of communications between the lumina, which are highlighted
by the contrast agent, and manually correct the automatic-segmentation if
necessary. Anatomical considerations can help the identification of potential
tears. In fact, tears are expected to be in proximity to the origin of intercostal,
lumbar, visceral, renal or other branching arteries perfused by the FL.
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Following ROI segmentation, the geometry is processed with smoothing
algorithms to remove pixellation effects and trimmed at the level of the aortic
branches.
From Table 1.5, an increase in the geometrical complexity of the AD models over the years is apparent. While most of the initial studies made significant
geometrical approximations - often the fluid domain consisted in one inlet and
one main outlet located in the descending aorta - most of the recent models
are multi-branched representations of the aorta and its main branches, including the supra-aortic, abdominal and visceral arteries. In the context of AD
modelling, where the presence of the dissection could impair the blood flow
to peripheral organs and lead to malperfusion syndrome, it is important to
include the main aortic branches. In general, from a morphological point of
view, fewer approximations result in a better representation of the haemodynamics in a given geometry. However, for each additional branch included in
the fluid domain, BCs also need to be specified.
1.4.2.2

Boundary conditions

Of particular importance in CFD modelling is the specification of appropriate
BCs at the fluid domain boundaries. Since the 3D simulation of the whole
vascular system is impractical, and patient-specific time-varying pressure and
flow waveforms at all termination branches are usually not available, a number of assumptions have to be made. In the following paragraphs, the main
strategies for the treatment of the inflow and outflow BCs in AD modelling
will be discussed.
At the model inlet, usually located in the ascending aorta distal to the
aortic valve, a flow rate curve is prescribed as velocity BC. The vast majority
of the models employ a time-varying flat (i.e. uniform) velocity profile, even
though a parabolic profile has been employed by Dillon-Murphy et al. (2016).
A spatial- and time-varying velocity profile can be prescribed at the inlet in
case of availability of patient-specific velocity data (e.g. from PC-MRI or 4D
flow MRI, as recently demonstrated by Pirola et al. (2019)). However, studies
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have shown that the fluid dynamics in the descending aorta are not significantly
affected by idealised inlet velocity profiles (Morbiducci et al., 2013; Pirola et al.,
2019), and thus the widely adopted flat profile assumption may be sufficient
for the study of type-B ADs.
When available, the bulk flow rate curve applied at the inlet is obtained
from patient-specific data (e.g. from Doppler US (Xu et al., 2017) or 2D PCMRI (Karmonik et al., 2012b; Chen et al., 2013b; Dillon-Murphy et al., 2016).
However, due to the lack of in vivo data, flow waves of healthy subjects examined in published studies are commonly employed (Tse et al., 2011). It is
well-known that the cardiac output (CO) depends on the patient characteristics (e.g. body surface area (de Simone et al., 1997)) and is known to be
affected by the medical treatment used for AD patients (Chen et al., 2013a);
thus the direct prescription of flow waves taken from literature is likely to
produce inaccurate results; patient-specific data should be used to inform the
inflow BC of personalised models.
A more complex task is the treatment of the outflow BCs. Traditionally,
two approaches have commonly been used: the so-called ‘flow split’ and the
application of a constant or time-varying pressure wave.
The flow split approach is commonly used to prescribe BCs to the supraaortic branches, by diverting 5% of the total inlet flow into each branch during
the entire cardiac cycle (Chen et al., 2013a; Tse et al., 2011; Chen et al.,
2013b). This proportion, reported by Middleman (1972) for the healthy human
aortas, may be different in a pathological scenario. For example, it has been
reported by Cheng et al. (2014b) that, in AD patients, the fraction of the
CO leaving the aorta from the upper branches is approximately equal to 30%.
Moreover, with this approach, a constant flow diversion into each branch is
constrained throughout the cardiac cycle, implying that the flow waves at the
aortic branches are perfectly in phase with the inlet flow. This assumption is
not realistic and, as shown by Gallo et al. (2012), this can have a significant
impact on WSS-based indices.
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Another common approach is to apply a constant zero-pressure at abdominal aortic branches (Shang et al., 2015; Chen et al., 2013a; Zhang et al., 2014a;
Cheng et al., 2014b). Although this approach is suitable for rigid models with
a single outlet (although the computed pressure would not be accurate), it
fails in multi-branched or deformable models (Taylor and Figueroa, 2009). It
is well-known that the flow distribution among the vascular branches strongly
depends on the downstream vasculature. By applying a zero-pressure BC at
the outlets, the flow-split would depend only on the impedance of the 3D domain (Vignon-Clementel et al., 2006). Moreover, in the case of deformable
models, it is important to compute realistic pressures, since the fluid force
drives the deformation of the vessel. Some studies apply time-dependent pressure waves obtained from previous studies (Tse et al., 2011); however it should
be noted that pressures in the thoracic aorta of AD patients may be very
different than those of healthy patients.
To overcome these issues, one of the most promising approaches used
in patient-specific cardiovascular simulations is to couple Windkessel models to the outlets of a 3D domain, which together constitute a (geometrical)
multi-scale model (referring to the combination of models of different dimensions) of the entire vascular system (Vignon-Clementel et al., 2010). Instead
of constraining the flow and/or pressure wave at the outlet, the coupling of a
Windkessel model prescribes the relation between the pressure and flow at the
boundary, hence it simulates the impedance of the downstream vasculature,
not included in the 3D model. WK3s seem to be the best compromise among
other physiologically relevant 0D models to simulate the peripheral vasculature (Westerhof et al., 2009), and should be used - instead of purely resistance
models - when a significant compliance is located in the modelled distal vasculature (Alastruey et al., 2008). The coupling of 0D models to higher dimension
models is not trivial, and the parameters should be tuned carefully to obtain
physiological flow/pressure waveforms and avoid non-physiological wave reflections at the coupling interface (Alastruey et al., 2008). As seen in Table
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1.5, WK3s have been used as outflow BC in recent AD models and have been
proven to be an appropriate choice.
1.4.2.3

Flow modelling

Another important issue in haemodynamic simulations is whether to model
the blood flow as laminar or turbulent. Compared to the orderly organised
laminar flow, where the fluid moves in parallel layers smoothly flowing past
each other with no or little mixing, turbulent flow is characterised by chaotic
fluctuations of both flow velocity and pressure (Munson et al., 2002).
The onset of turbulence in steady flows has been extensively studied and
typically related to the dimensionless Reynolds number (Re), defined as the
ratio of the inertial forces to the viscous forces within a fluid. In steady pipe
flows, transition to turbulence occurs when Re exceeds 2300. For pulsatile
flow, however, different criteria for transition to turbulence have been proposed
(Peacock et al., 1998). For example, Nerem et al. (1972) studied the blood
flow in the canine aorta, and found that the critical Reynolds number for
the onset of turbulence (Recr ) - calculated as the peak Re during the cardiac
cycle - increases linearly with the Womersley number (α)1 , with a constant of
proportionality equal to 250 in the descending aorta. More recently, Peacock
et al. (1998) evaluated the onset of turbulence in physiological pulsatile flows in
rigid straight pipes using an experimental apparatus. They found an empirical
expression to evaluate Recr based on α and the Strouhal number (St) (i.e.
dimensionless stroke volume).
The blood flow in the arteries is typically laminar, however, under high
flow conditions and in presence of pathologies, turbulence has been observed
in the aorta (Stein and Sabbah, 1976). In AD modelling, the majority of
the published work in literature assume laminar flow, either by referring to
classic works such as Fung (1997), stating that the flow in large arteries is
laminar, or by evaluating the Recr based on published correlations. However,
1 The

Womersley number α is defined as the ratio of the transient inertial forces to the
viscous forces.
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a number of studies have used turbulence modelling to assess its effect on AD
haemodynamics.
Cheng et al. (2010) employed the transitional version of Menter’s shear
stress transport (SST) model (Tran-SST) to investigate the blood flow in a
patient-specific model of AD. The SST model is a Reynolds-averaged NavierStokes (RANS) approach that combines the original Wilcox’s k-ω model in
the inner region of the boundary layer and the k- model in the outer region.
The Tran-SST model solves two additional equations for the intermittency and
the momentum-thickness Reynolds number to model the onset of turbulence
(ANSYS Inc., 2016b). Cheng et al. (2010) found that, compared to a laminar
flow simulation, the transitional model predicted higher values of WSS (peak
WSS difference = + 42.7% ), although the same distribution was observed.
Finally, Chen et al. (2013b) employed the SST model in a patient-specific
CFD simulation of AD, and observed that very similar results can be obtained
under laminar flow conditions using a finer computational grid (28 million elements compared to the 2 million cells of the turbulent simulation), suggesting
that turbulence may have a small impact on the global features of the flow.
Moreover, they compared the steady-state solution obtained with the SST
model against the laminar solution obtained using the same computational
grid and a purely tetrahedral grid (i.e. lacking the prismatic layer refinement
at the model walls). In the models adopting the same mesh, they found a good
correspondence between laminar and turbulent results, with a discrepancy of
less than 1.3% for the velocity and pressure variables and of 8.61% for the
WSS (i.e. same distribution, but lower magnitude in the laminar model). On
the contrary, higher discrepancies were observed in the laminar model without
wall-refinement.
1.4.2.4

Blood rheology

Blood is a dense suspension of cells in a Newtonian fluid, the plasma. A
fluid is defined as Newtonian when upon shearing the shear stresses (τ ) are
linearly proportional to the local shear rates (γ̇), with µ as the constant of
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proportionality. The particulate nature of blood - red blood cells (RBCs) constitute approximately 45% of its total volume - results in a complex rheological
behaviour, such as yield stress, viscoelasticity, shear-thinning and thixotropy
(Sousa et al., 2016). However, above a limiting value of γ̇ (≈ 100s−1 ), the
blood behaves like a Newtonian fluid, therefore the assumption of a constant
viscosity (generally µ ≈ 4 · 10−3 Pa s ) is usually accepted for CFD simulations
of aortic flow due to the high shear rate in large arteries (Yilmaz and Gundogdu, 2008). This approximation is often adopted also in CFD models of AD,
as can be seen in Table 1.5. However, it has been observed by Alimohammadi
et al. (2015) that the non-Newtonian effects can be significant in regions of the
dissected aorta with low γ̇, in particular in the closed-end parts of the FL. It is
then advisable to use a non-Newtonian viscosity model to describe the blood
in simulations of AD. The most common viscosity models adopted for this application are the Carreau-Yasuda model and the Quemada model (Quemada,
1978). Recently, Qiao et al. (2019) used a two-phase non-Newtonian model to
describe in more detail the rheological behaviour of blood in a CFD of type-B
AD. Multi-phase models allow the prediction of the RBC distribution in the
fluid domain, providing additional insight into the role of blood rheology on
the haemodynamics of AD.
1.4.2.5

Treatment of the vessel wall

The majority of AD CFD models assume that the walls of the fluid domain
are rigid. Although this is not true in the cardiovascular system, most models
adopt this common approximation due to the high complexity and computational demands of fluid-structure interaction (FSI) simulations (Morris et al.,
2015). Vessel distensibility has a particularly impact in the large arteries (e.g.
aorta), where vessel compliance allows the blood to be stored during systole
and released during diastole. This results in reduced values of peak flow rates
during the systolic phase, and non-zero flow during diastole. Moreover, vessel
compliance leads to a finite pressure wave velocity in the vascular system and
lower pressures associated with the inertia of blood. WSSs are typically lower
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in distensible vessels due to the increased cross-sectional area in part of the
cardiac cycle (Reymond et al., 2013).
In the context of AD, this assumption may have a major impact on CFD
results. The effects of wall distensibility on AD was studied via a parametric
0D model by Rudenick et al. (2015). They found that when communications
between the two lumina are small enough (i.e. tear diameter . 4 mm), an
increase in wall elasticity can lead to a time shift between the pressure waves
in the FL and TL, and consequently impact the TL-to-FL pressure difference.
On the other hand, when the communications are sufficiently large (i.e. tear
diameter & 4 mm), an increase in wall elasticity can cause the FL behaving
as a side chamber to the TL, with blood simultaneously entering the FL from
the proximal and distal tears (Rudenick et al., 2015).
Three-dimensional FSI models of AD are quite rare due to their intrinsic complexity and uncertainties related to the wall thickness and mechanical
properties of the dissected vessel (Sommer et al., 2016). Only a few studies
accounting for moving walls can be found in the literature (Table 1.5).
Chen et al. (2016) recently presented an FSI model of an idealised dissected porcine aorta without re-entry tear, assuming a homogeneous linearelastic material model. The simulation results (i.e. velocities in the two lumina, cross-section area variation of the TL) were compared against in vitro
experiments for validation. However, more realistic simulations of the dissected
human aorta are needed for clinical usability.
FSI models with patient-specific geometries were recently published by
Qiao et al. (2015); Alimohammadi et al. (2015) and Qiao et al. (2019). Qiao
et al. (2015) simulated different treatment procedures in a deformable model
of AD, assuming a homogeneous Young’s modulus of 108 MPa for the vessel
wall, which is two orders of magnitude higher than the value usually reported
for the healthy aortic wall (Brown et al., 2012). This implied that the effect
of the wall deformation on the fluid dynamics is likely to be underestimated.
Alimohammadi et al. (2015) and Qiao et al. (2019) studied the blood flow in
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deformable models of AD, and compared the results against rigid-wall simulations. They found that wall motion may have an impact on clinical relevant
information extracted from CFD simulations, in particular in the proximal and
distal closed-end parts of the FL where the fluid dynamics is highly affected
by the cyclic distensions and contractions of the vessel wall. Even when the
distribution of the time-averaged wall shear stress (TAWSS) produced by the
rigid and deformable models were similar, a significant difference was noted
in the oscillatory shear stress (OSI) distribution (a definition of these two
haemodynamic indices is provided in the following section).
Both models adopted homogeneous material models with parameters from
the literature (i.e. linear elastic model with Young’s modulus = 2.7 MPa in
Qiao et al. (2019) and hyperelastic model with parameters from Raghavan and
Vorp (2000) in Alimohammadi et al. (2015)). Therefore, the local variations
and patient-specificity of the mechanical properties of the dissected aortic tissue were not accounted for (Sommer et al., 2016). In order to implement a
personalised CFD model accounting for vessel deformability, it would be necessary to inform such models with displacement/deformation data acquired
via imaging modalities (e.g. cine-MRI, ECG-gated CT) which is a challenging
task.
Although a reasonable match between computational and experimental
data has been found in recent attempts to validate simulation results obtained
with rigid CFD models against in vivo PC-MRI data (Cheng et al., 2014a;
Dillon-Murphy et al., 2016), amplitude and phase discrepancy between the
measured and computed flow waveforms, attributed to the rigid wall assumption, still remain (Dillon-Murphy et al., 2016).
In general, an FSI analysis can provide information on the stress and strain
fields in the vessel tissue and therefore additional insight into the progression
of AD. However, in order to provide reliable results, knowledge of the vessel
wall thickness and tissue material properties - which are very difficult to obtain
non-invasively on a patient-specific case - are required.
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1.4.3

Applications of aortic dissection modelling

In the last decade, numerous CFD studies of AD with a number of different applications have been published. The main studies and results will be presented
in this section.
1.4.3.1

Patient-specific haemodynamic analysis of selected case
studies

Most published work has focused on patient-specific haemodynamic analysis
of selected AD cases. Meaningful haemodynamic parameters that can be extracted from CFD models, and are commonly analysed when post-processing
CFD simulations, include intra-aortic pressures, WSS-based indices and blood
flow exchange between the TL and FL.
Intra-luminal pressure is a variable that cannot be acquired non-invasively
in vivo, but can be obtained from CFD simulations, which is important since it
is expected to have a role on the progression of the disease. While clinical studies assessing the impact of intra-luminal pressure on AD outcomes are lacking,
pressure has been associated with AAA expansion and rupture (Tsai et al.,
2008; Hatakeyama et al., 2001; Strachan, 1991). Due to the similarity between
the wall of the FL and AAA (both are characterised by the lack of elastin
layers (Tsai et al., 2008)), pressure is expected to have a similar predictive
role in AD progression. According to the law of Laplace2 , the circumferential
stress in the wall of a vessel is proportional to the intra-luminal pressure and
inversely proportional to the wall thickness. Since the wall of the FL is thinner
than the one of a healthy aorta, the stress acting on it is much higher than in
the healthy scenario. Moreover, pressure imbalances between the TL and FL
can lead to the compression of the TL (i.e. dynamic occlusion), and has been
proposed as the cause of the cleavage force leading to the separation of the
aortic wall layers and further distal extension of the dissection (Zhang et al.,
a thin-walled cylinder the law of Laplace reads: σθ = Pt·r were σθ is the circumferential stress, P is the internal pressure (considering the external pressure zero), r is the
internal radius of the cylinder and t is the wall thickness.
2 For

88

1.4. Aortic dissection: computational haemodynamics

2014a).
Several published studies have analysed the pressure field developed inside dissected aortae; notably Dillon-Murphy et al. (2016) presented a detailed
analysis of a type-B AD extending up to the iliac bifurcation. By comparing
the CFD results obtained with the AD model against those of an ‘undissected’
aorta (in which the IF has been virtually removed), they noted significant
changes of the haemodynamics in the region around the entry tear. Particularly, elevated pressure gradients on the FL wall opposite to the entry-tear
were observed, with a marked pressure increase in the area impinged by the
the flow entering the TL. They reported higher pressures in the TL than in
the FL in the proximal region of the dissection, and higher FL pressures in the
distal part; the same trend was reported by Tse et al. (2011) and Alimohammadi et al. (2014a) suggesting a risk of dynamic obstruction of the abdominal
branches perfused by the TL.
It is well-known that WSS plays an important role in arterial remodelling
by affecting the function of the endothelium (Chiu and Chien, 2011). Several indices can be extracted from the time-dependent WSS-maps obtained
from CFD simulations; the most widely used are TAWSS, OSI and Relative
Residence Time (RRT), defined as (Gallo et al., 2012):

T AW SS =


1ZT
|W SS(s, t)| · dt
T 0
 RT
0

OSI = 0.5 1 −  R T
0

RRT =

W SS(s, t) · dt



|W SS(s, t)| · dt



1
(1 − 2 · OSI) · T AW SS
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where WSS is the wall-shear stress3 , T is the period of the cardiac cycle and s
is the spatial position on the vessel lumen. TAWSS is the average of the viscous
tangential stresses on the vessel wall over a cardiac cycle. Physiological flow
in the arterial system leads to TAWSS in the range ~1.5 - 2 Pa (Chiu and
Chien, 2011), while abnormal low values of TAWSS (<0.4 Pa) are known to
promote atherosclerosis (Malek et al., 1999). OSI indicates regions were the
instantaneous wall shear stress deviates from the main flow direction over large
parts of the cardiac cycle and is a marker of disturbed flow which can induce
endothelial cells misalignment (Gallo et al., 2012). RRT combines TAWSS and
OSI in a single metric indicating regions of low and oscillatory WSS, which
can be used as a proxy of particle deposition (Xu et al., 2018).
Disturbed flow characterised by high OSI and low TAWSS has been correlated to intracranial aneurysm rupture (Xiang et al., 2011), while RRT has
been positively related to intra-luminal thrombus deposition in AAA (Kontopodis et al., 2018). In the context of AD, disturbed flow characterised by
low and oscillatory WSS has often been observed in the FL (Alimohammadi
et al., 2015) and high TAWSS at the entry tears (Dillon-Murphy et al., 2016;
Cheng et al., 2010; Tse et al., 2011; Cheng et al., 2013). Preliminary correlations between WSS-based indices and disease progression have been identified
and will be summarised in Section 1.4.3.3.
1.4.3.2

Patient stratification

A few studies focused on the computational analysis of small cohorts of patients stratified based on the clinical management and/or long-term outcome.
The aim of these works was to identify haemodynamic and/or morphological
features characterising the ADs in the different sub-groups.
Cheng et al. (2014b) compared geometric and fluid-dynamic factors in
two groups of patients with type-B AD: one group included 4 patients selected
3 For

an isotropic, Newtonian and incompressible fluid, WSS can be calculated as:
W SS = τ − (τ · n)n, with τ the wall viscous stress calculated as τ = µ ∇u + ∇T u · n;
u is the velocity vector, µ the dynamic viscosity and n the wall unit normal vector in the
outward direction.
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for medical treatment, and the other 4 patients selected for TEVAR. Results
showed that patients selected for TEVAR had a significantly higher FL-to-TL
volume ratio. Moreover, comparison between haemodynamic factors and the
long-term outcome of the medically treated patients suggests that a high RRT
may be a predictor of FL thrombosis, and a higher TL-to-FL pressure can be
associated with future aortic expansion. A positive correlation between the
size of the entry tear and the FL flow was also found.
Rinaudo et al. (2014) studied 25 patients with type-B AD with patent
FL. They found that the height of the entry tear correlates positively with
the amount of blood entering the FL, corroborating the result by Cheng et al.
(2014b). The analysis of intra-luminal pressure and WSS showed a high variation among the patients due to the highly patient-specific morphology of the
dissections.
A comparison between a sub-group of type-B AD patients presenting
rapidly dilating aortic aneurysm (7) against a sub-group with stable dissections
(7) was performed by Shang et al. (2015). They found that the percentage of
total aortic flow passing through the FL and the peak TAWSS on the aortic wall
were significantly higher in the group of patients with expanding aneurysm.
The simulations carried out by this study, however, had over-simplified BCs
(i.e. zero-pressure at all the outlets including at the upper-aortic branches)
which calls into question the reliability of the results.
Finally, Wan Ab Naim et al. (2018) studied a cohort of 5 patients managed
with TEVAR. The patients were divided in two groups based on those who
achieved complete FL thrombosis one-year after the intervention (2), and those
who did not (3). Patients in the first group had re-entry tears concentrated in
the abdominal region, while the second group was characterised by a higher
number of tears spread along the dissection, which lead to a higher flow in the
FL, counteracting thrombosis.

91

1. Introduction

1.4.3.3

Computational models as a predictive tool

Computational models can be used as a tool to predict AD progression. This
can be done following two approaches: by coupling fluid dynamic models with
mechanistic models to simulate biological processes or by correlating computational haemodynamic outputs to AD development.
An example of the first approach is the computational model recently
developed by Menichini and Xu (2016), which uses a simulation framework
for the prediction of thrombosis in the FL under realistic fluid dynamic and
anatomical conditions. The model uses fluid shear rate, fluid residence time
and platelet distribution obtained from a CFD simulation to predict thrombus
growth. It was applied to 4 type-B AD cases (Menichini et al., 2016,0), 2
of which post-TEVAR, and the results were compared against follow-up CT
scans with good qualitative agreement. Prediction of thrombus growth is important since a partially thrombosed FL has been associated to poor outcomes
(Trimarchi et al., 2013).
The second approach relies on the hypothesis that haemodynamic metrics
extracted from CFD simulations (e.g. WSS-based and pressure indices) can
be associated to long-term outcomes of AD. In order to establish quantitative
correlations between haemodynamic markers and AD evolution, large cohorts
of patients with longitudinal data need to be analysed. In the context of AD,
such large-scale studies are lacking, but interesting, preliminary works that
pave the way towards prediction of long-term outcomes have been undertaken.
Xu et al. (2017) studied two type-B AD cases with initially similar anatomical and haemodynamic features (pre-TEVAR), but with different long-term
FL development post-TEVAR: one stable and one with dilating FL. They
found that the stable case presented a short-to-mid term increase of the RRT
in the FL after-TEVAR (7 days after-TEVAR compared to 4 to 21 months
follow-up) while in the unstable case, the RRT decreased (7 days after-TEVAR
compared to 1 to 18 months follow-up), suggesting that the short-term varia-
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tion of RRT may be related to long-term FL remodelling. They also observed
that the location of the highest pressure difference between the TL and the FL
was consistent with the region subjected to the greatest FL enlargement.
Xu et al. (2018) performed a preliminary longitudinal investigation on
an AD case-study to evaluate potential correlations between local haemodynamic indices and FL evolution. Interestingly, this study did not use average
measurements such as FL diameter and FL volume to assess aortic remodelling; instead, image registration algorithms between initial presentation and
follow-up CT scans were employed to evaluate in detail FL evolution (via a
three-dimensional deformation map). They found that below 0.25 Pa, TAWSS
positively correlates with FL enlargement (r2 = 0.44), and a mild negative
correlation was found for OSI (r2 = 0.29). Moreover, they observed a clear
correspondence between the area of maximum shrinkage of the FL (associated
to thrombosis) and RRT.
Finally, Osswald et al. (2017) investigated the possible correlation between haemodynamics and the occurrence of retrograde type-A dissection
(RTAD) in type-B ADs. Ten type-B AD patients which consequently developed RTAD were compared against stable type-B AD patients. Significantly
higher TAWSSs were observed at the location of future RTAD compared to the
surrounding arch area, while no significant increase was found in the control
group, suggesting that TAWSS could be a risk factor for RTAD. Some modelling limitations affect the study, such as the use of steady-state simulations
and zero-pressure BCs at all the outlets, including the supra-aortic branches;
however the authors claim that the purpose of the study was not to assess the
physiological haemodynamics, but to only observe the haemodynamic changes
due to the geometry variations.
Despite these being preliminary observations, the results show that WSSindices extracted from CFD simulations may have a predictive role in AD
progression.
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1.4.3.4

Simulation of interventional strategies

Computational models can be used for the simulation of different interventional
strategies in order to select the best option for each specific patient. One of
the most common approaches for the treatment of type-B AD is TEVAR;
simulations may be used to identify the relevant IF tears to be covered in
order to significantly reduce the flow into the FL and induce thrombosis.
Chen et al. (2013a) applied this approach to a dissected aorta with multiple tears, and simulated different stent-graft placement scenarios concluding
that, in that situation, an effective endovascular treatment would require the
covering of all tears in order to reduce blood flow within the FL. A similar
study was performed by Alimohammadi et al. (2014b).
Several studies investigated the effect of different tear configurations on
flow and pressure patterns. For instance, Karmonik et al. (2011a) simulated
three different configurations: one in which both, the entry and exit tear were
open, and another one in which either the entry or the exit tear were occluded.
In the case of an occluded re-entry tear (as in a partially thrombosed FL),
the pressure in the FL was higher when compared to the configuration with
both tears open. Otherwise, the occlusion of the entry tear (as after TEVAR)
induced a reduction of the pressure in the FL. However, it should be noted that
the compliance of the FL is likely to affect the pressure inside the FL itself,
particularly in the absence of re-entry tears (Tsai et al., 2008; Rudenick et al.,
2015), therefore pressure results from rigid-wall models should be interpreted
carefully.

1.4.4

Clinical translation and challenges

The review of the literature shows that patient-specific modelling of AD has
the potential to aid clinical understanding and management of this disease.
For example, CFD could provide data about the pressure in the FL and potentially identify cases which are likely to develop a complication. Moreover,
the optimal intervention strategy can be selected among different approaches
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previously simulated on a computer. In order to be translated into clinical
practice, there has to be enough evidence that CFD models can benefit AD
patients. Thus, longitudinal studies involving large cohorts of patients with
follow-up data to relate to computational predictions are necessary. Moreover,
any computational model intended to be translated into clinical practice should
be accurate enough to capture the relevant physiological phenomena needed
to assist the decision-making process and improve prognosis, but at the same
time not overly complex. In fact, excessive complexity would lead to higher
computational costs and probably higher uncertainties due to the increasing
number of parameters that require identification. It is crucial to appreciate the
right level of model complexity necessary to produce accurate results which,
in AD simulations, is likely to vary among different patients. Moreover, patient specific computational models have to be adapted to the specific patient
preferably using non-invasive data already available in a clinical setting, which
are often subject to noise.
The analysis of the literature shows that an important challenge for
patient-specific AD modelling is the prescription of physiological and personalised BCs. Over-simplified outflow BCs that have been often used in CFD
simulations of AD, such as predefined flow-split and zero-pressure conditions,
affect model predictions. Geometrical multi-scale models, which employ 0D
WK3s coupled to 3D CFD models, appear to be the best compromise between
complexity and efficiency. However, the personalisation of such models and
calibration of their parameters remain challenging.
It is also evident from the literature that aortic wall compliance and IF
motion play an important role in the haemodynamics of AD. In order to have
accurate predictions of the intra-aortic pressures, it is important to account for
these effects in CFD simulations. FSI methods that have been applied to AD,
however, do not account for the inter- and intra-patient variability of the mechanical properties of the pathological aortic tissue, and are computationally
expensive, time consuming to set up, and carry with them significant uncer-
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tainty in terms of tissue properties. It is indeed essential to develop methods
that allow results to be obtained in clinically meaningful time-scales in order
to facilitate the translation.
Moreover, a crucial step in the clinical translation of computational tools is
the validation of simulation results. Currently, only few published CFD studies
of AD have attempted to validate results against in vivo flow data obtained
from PC-MRI (Cheng et al., 2014a; Dillon-Murphy et al., 2016). Extensive
comparisons against in vivo pressure data are missing, probably because of the
risks associated with invasive pressure measurements; nonetheless, pressure
data provide a gold-standard for the validation of CFD predictions (DillonMurphy et al., 2016).

1.5

Objectives of the thesis

The research carried out in this thesis aims at addressing some of the shortcomings of AD haemodynamic modelling identified by the preceding review of
the literature.
Three specific objectives will be investigated:
• the first objective is the development of a framework for the implementation of personalised CFD models of type-B AD informed by commonly
available, non-invasive datasets and able to predict realistic intra-luminal
pressures;
• the second objective is the development of a new method to model wall
compliance and IF motion in CFD simulations; the new method, while
being able to account for the effects exerted on the fluid dynamics by
wall motion, has to be more computationally efficient than traditional
FSI techniques, and tunable with patient-specific non-invasive clinical
data;
• the third objective is to demonstrate, via the application to a case-study,
a computational framework for the implementation of compliant wall
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simulations with personalised dynamic boundary conditions using the
tools developed. The model will be informed by patient-specific noninvasive clinical data.
A focus will be on the assessment of the reliability of the simulation results
obtained with the developed computational tools via comparisons against goldstandard models and in vivo data.

1.6

Outline of the thesis

The thesis is structured as follows: in Chapter 2, a novel framework for personalised blood flow simulations informed by commonly available datasets will
be presented. The framework will be tested on 3 complex type-B AD cases.
The chapter will start with an introduction about the strategies adopted in
the literature to overcome the issue of incomplete datasets in cardiovascular
simulations, and on the methodologies used for the personalisation of the BCs.
A description of the clinical dataset available for the study will then be given.
The proposed computational framework will be explained in detail, including
the steps for geometry reconstruction, mesh creation and CFD model setup. A
novel procedure for the calibration of the model parameters will be described.
Haemodynamic results for the 3 cases will be presented and analysed focusing
on the clinical interpretation of the results, and pressure predictions will be
compared against in vivo data. The chapter will end with a discussion of the
applicability and limitations of the proposed framework.
In Chapter 3, a novel algorithm to model vessel wall and IF motion in
CFD simulations will be presented. The chapter will start with a review of
the methods used to model fluid-structure interaction in cardiovascular simulations. A description of the proposed approach will be given, and a preliminary
validation against the 1D solution of flow through an elastic straight tube will
be provided. As a proof of concept the proposed method will be applied to a
type-B AD case previously studied with a traditional full-FSI technique. The
results obtained with the new method will be compared against the FSI sim-
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ulation outcomes in order to verify the reliability of the proposed algorithm.
In Chapter 4, a patient-specific type-B AD model featuring compliant
walls - implemented via the algorithm introduced in Chapter 3 - and patientspecific tuned BCs will be presented. Non-invasive clinical measurements from
multiple imaging modalities will be used to inform the model. A calibration
method, adapted from the one proposed in Chapter 2, will be used for the personalisation of the model. The results will be discussed, with a particular focus
on the comparison against in vivo data for validation purposes. The chapter
will end with a discussion on the advance of the state-of-the-art provided by
the proposed modelling approach, and its limitations.
The thesis will conclude with Chapter 5, which will summarise the main
results of the research and discuss their implications for future studies.
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Chapter 2

Personalised Haemodynamic
Simulations Informed by
Commonly Available Clinical
Datasets†

I

n this chapter, a framework for the implementation of personalised CFD
models using non-invasive datasets commonly collected for AD monitoring

is presented. An innovative way to account for aortic compliance in rigid-wall
simulations using a lumped-parameter approach is introduced. The proposed
approach allows reliable pressure values to be obtained in the aorta. Intraaortic pressure is an important haemodynamic variable for AD monitoring.
A calibration strategy for selecting the model parameters in accordance with
available clinical data is also described.
The framework is tested on three complex cases of AD, and the simulation
results are compared against invasive blood pressure measurements (IBPM)
for validation purposes. Finally, the haemodynamic results are analysed to
enhance the clinical understanding of the disease.
† The

work presented in this chapter was published in Bonfanti et al. (2019), ‘Patientspecific haemodynamic simulations of complex aortic dissections informed by commonly
available clinical datasets’, Medical Engineering and Physics, 71, 45-55.

2. Personalised Haemodynamic Simulations Informed by
Commonly Available Clinical Datasets

2.1

Introduction

The geometry of the 3D model and its BCs are two key components of patientspecific CFD modelling, both largely affecting the simulation results (Quarteroni et al., 2016). While modern imaging techniques (e.g. CT scans) and
segmentation algorithms allow the extraction of anatomically accurate geometries from clinical images, even for complex AD cases, the prescription of full
patient-specific BCs remains challenging.
In a clinical scenario, the datasets used to inform these computational
models are often incomplete and noisy; practical, ethical and physical reasons prevent the acquisition of complete datasets necessary to construct fully
‘patient-specific’ models (Romarowski et al., 2018). In the absence of complete information at the boundaries, modelling assumptions have to be made
or literature data need to be adapted to the case under analysis (Xu et al.,
2018). As described in the previous chapter, oversimplified assumptions used
for the treatment of the BCs (e.g. pressure and flow waves acquired from other
patients, zero-pressure and flow-split conditions) fail to appropriately describe
the patient-specific environment, affecting the reliability and applicability of
the simulations.
The coupling of lumped parameters models to the boundaries of the 3D
domain represents an efficient way to model the systemic vasculature and
its effects on the local haemodynamics in the region of interest (Quarteroni
et al., 2016), and can thus be used as a strategy for the treatment of the
BCs. State-of-the-art patient-specific AD simulations (Alimohammadi et al.,
2014a,0; Dillon-Murphy et al., 2016; Xu et al., 2018) have made use of WK3s to
describe the pressure-flow relation at the outlets due to the distal vasculature
not included in the model.
This approach has been proven superior to other outlet BCs in a recent
study by Pirola et al. (2017), that compared simulation outcomes obtained
with different sets of BCs in a subject-specific model of a normal aorta. WK3s
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coupled to all model outlets provided the best agreement with in vivo PC-MRI
flow data, and allowed physiological pressure waves to be obtained. However,
the calibration of the WK3s parameters is not a straight forward exercise,
and numerous strategies relying on different sets of data are proposed in the
literature.
Alimohammadi et al. (2014a) tuned the WK3s coupled to an AD model
via an iterative procedure aimed at matching maximum and minimum pressure
values acquired at each outlet of the aortic model. However, this procedure
is limited by the requirement of invasive intra-aortic pressure data not always
available.
Dillon-Murphy et al. (2016) manually tuned the parameters of each of
the eighteen WK3s coupled to a multi-branched AD model in order to obtain
typical - but not patient-specific - flow and pressure waveforms at the outlets.
More recently, Xu et al. (2018) proposed a calibration method relying on
pressure and flow waves taken from literature. Since the only available data
were the AD’s CT scans, they converted morphological data into haemodynamic ones by using Murray’s Law (Zamir et al., 1992) to estimate the flow
distribution among the aortic branches. However, the cardiac output distribution does not depend only on the cross-sectional area of the branching vessel,
but also on the resistances of the downstream vasculature, which in turn can
vary based on the oxygen demand of the perfused organs. Moreover, using the
same literature-based pressure wave to calibrate all WK3s can lead to inaccuracies; besides patient-to-patient variability, the pressure wave may significantly
change along the aorta due to morphological features of the dissection that
modify the geometry of the physiological aorta.
In the context of patient-specific aortic CFD modelling, Xiao et al. (2014)
proposed an iterative algorithm based on first-order Taylor expansions to estimate the peripheral resistance and total compliance, which are then distributed
to each outlet with the aim of obtaining target systolic and diastolic pressures
and physiological flow distribution. The procedure is used to estimate the
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WK3 parameters in a 1D/0D model, which are subsequentially applied to the
3D/0D simulation.
Two alternative approaches have been proposed with the aim of assimilating time-resolved boundary flow and pressure waves. The first is based on the
use of unscented Kalman filters (Pant et al., 2014), while the second adopts
a least-square approach (Romarowski et al., 2018). However, these techniques
require that pressure and flow waves at the model inlet and outlets are known
in order to evaluate the WK3 parameters. This information is often lacking
in typical AD datasets, and advanced clinical data, such as PC-MRI, are not
often acquired during routine monitoring.
AD modelling is further complicated by the complex geometries that characterise this pathology and by the impact of arterial wall compliance on the
simulation results. It has been demonstrated by Rudenick et al. (2015), via a
lumped parameter model, that the aortic wall compliance can have a significant effect on the FL pressure, in particular when the size of the connecting
tears is small. However, the majority of published AD models (Cheng et al.,
2014b; Alimohammadi et al., 2014a; Shang et al., 2015; Dillon-Murphy et al.,
2016; Xu et al., 2017) assume rigid-walls and neglect compliance effects on
the predicted pressures. Advanced CFD models of AD account for the motion
of the vessel walls using FSI approaches (Alimohammadi et al., 2015; Chen
et al., 2016; Qiao et al., 2019) which, in order to be patient-specific, need to
be informed by non-routine displacement data obtained, for example, via cineMRI. Moreover, FSI approaches are computationally expensive and difficult
to implement in ADs with complex geometries.
It is important to note that AD models should give reliable results in
terms of pressure to enhance their clinical applicability. Intra-aortic pressure
is an important variable with a potential predictive value for AD progression,
and cannot be measured non-invasively (Section 1.4.3).
All this depicts a complex picture for the patient-specific CFD analysis
of AD. There is a clear need for cardiovascular CFD simulations to be further
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developed to account for the incomplete datasets commonly available as part
of the routine care in order to facilitate clinical translation.
In this chapter, a framework for the study of AD using commonly available
datasets is presented.

2.2

Methods

2.2.1

Clinical datasets

The datasets of 3 patients (Table 2.1) with chronic AD were acquired at San
Camillo-Forlanini Hospital (Rome, Italy) and included contrast-enhanced CT
scans, Doppler US measurements and IBPM. The study was ethically approved
(A.O. San Camillo Forlanini, Prot. n. 900/CE Lazio 1) and the patients signed
the appropriate consent form.
Table 2.1: Details of the patients included in the study and patient-specific haemodynamic data used for model implementation.
Patient

Gender

Age
[years]

CO
[l/min]

HR [bpm]

P̂sys /P̂dia
[mmHg]

1

M

67

4.5

55

128/70

2

M

42

7.5

75

125/72

3

F

73

5.3

76

152/80

2.2.1.1

Doppler ultrasonography

Doppler ultrasonography was performed as part of an echocardiography to
evaluate the stroke volume (SV) and heart rate (HR) of each patient. The
SV is typically estimated by multiplying the velocity time integral (VTI) of
the Doppler signal directed across the left ventricular outflow tract (LVOT) by
the cross-sectional area of the LVOT (Tan et al., 2017). The patient CO can
then be calculated multiplying the SV by HR. An example of the LVOT VTI
measure is shown in Figure 2.1a for Patient 3. This method has been shown
to provide reproducible measurement of the CO (Huntsman et al., 1983) and
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it is commonly adopted in clinical practice. The CO and HR data of the 3
patients are reported in Table 2.1.
The information obtained from Doppler ultrasonography was used to inform the flow rate wave QIN to be applied at the inlet of the computational
model. A typical waveform of the blood flow rate acquired via PC-MRI in
the ascending aorta of a healthy subject (Alastruey et al., 2016) was used as
a template and adjusted to the patient-specific haemodynamic data (i.e. CO,
HR, systolic (Tsys ) and diastolic (Tdia ) duration) as shown in Figure 2.1b for
Patient 3.

(a)
500

400

QIN [ml/s]

300

200

100

0

T sys

T dia

-100
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

t [s]

(b)

Figure 2.1: (a) Left ventricular outflow tract velocity time integral (LVOT VTI)
measure to estimate the cardiac output (CO) for Patient 3; (b) Inlet flow rate
waveform adjusted to the patient-specific haemodynamic data of Patient 3.
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Table 2.3: Details of the CT images acquired for the 3 patients.
Patient

Field of View
[mm]

In-plane resolution [mm]

Slice thickness
[mm]

1

394

0.77

1.0

2

416

0.81

1.0

3

452

0.88

1.0

2.2.1.2

Invasive blood pressure measurements (IBPM)

All the invasive intra-aortic pressure measurements were collected by the vascular team at the San Camillo-Forlanini Hospital following a standard clinical
procedure. A transfemoral 5-French sized universal flush angiographic catheter
(Pig tail - Cook Medical, Bloomington, IN, USA) with a radio-opaque tip and
multiple side openings was connected to a pressure transducer and anaesthetic
monitor to capture pressure measurements. Measurements were acquired at
multiple intra-aortic locations, both in the TL and FL, with the patient under
local anaesthesia. For each measurement location, a minimum of 5 cycles was
averaged, and the minimum and maximum pressures were recorded.
All IBPM, apart from those recorded in the ascending aorta, were acquired for validation purposes and, therefore, were not used as input to the
computational model. Instead, the systolic (P̂sys ) and diastolic (P̂dia ) pressures measured in the ascending aorta and reported in Table 2.1 were used
for the calibration of the model as described in section 2.2.4.3. These can be
also derived from non-invasive brachial pressure measurements obtained via
sphygmomanometry, if not available from the clinical datasets, as described,
e.g., by Saouti et al. (2012).
2.2.1.3

CT scans

Contrast-enhanced clinical CT scans of the patients’ trunk were performed
to image the entire aorta from the supra-aortic vessels to the proximal iliac
arteries; details of the acquired images are reported in Table 2.3.
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The resolution of the CT scans (max inter-slice distance = 1 mm, min
in-plane resolution = 0.88 mm) was sufficiently high to visualise the IF and
the main communicating tears between the TL and FL.
Besides the reconstruction of the AD geometries (described in the following section), contrast-enhanced CT scans were analysed to detect evidence of
malperfusion, as commonly done in clinical practice (Crawford et al., 2016).
Asymmetric kidney enhancement indicating a reduced perfusion of the left kidney was observed in Patient 3. The percentage difference between the mean
greyscale values in the two kidneys was evaluated using Simpleware Scan IP
and found equal to -29% for the left kidney; this information was used to inform the blood flow distribution in the CFD model for Patient 3. No evidence
of malperfusion was observed in the other patients.

2.2.2

Geometry reconstruction

The AD geometries were reconstructed using the image-processing software
Simpleware ScanIP (Synopsys, USA) together with a semi-automated procedure based on thresholding detailed in Alimohammadi (2015) and briefly
described below.
First, the DICOM files were imported in Simpleware ScanIP and a median
filter (radius = 1 pixel) was applied in order to reduce the ‘salt-and-pepper’
noise of the images (Synopsys, 2017). The region of interest, represented by
the lumen of the dissected aorta and its main branches, was then segmented
using thresholding algorithms based on the greyscale of the images. The intravenous contrast agent allowed discerning the aortic lumen from the surrounding
tissues. Direct 3D segmentation often results in the presence of erroneous
connecting tears between the two lumina due to the thin septum (DillonMurphy et al., 2016), therefore manual operations were needed to refine the
segmentation of the TL and FL and remove spurious tears. Moreover, the
IF was inspected for the presence of minor tears which are often located in
proximity to the origin of intercostal, lumbar, visceral, renal or other branching
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Figure 2.2: CT slice of the abdominal aorta of Patient 1. The presence of a tear
in the IF between the TL and FL can be noted. As it is often the case, the tear is
in proximity to a lumbar artery - indicated by an asterisk in the figure - originating
from the FL.

arteries perfused by the FL (Figure 2.2).
A smoothing algorithm was applied to the final segmentation mask to
eliminate pixellation artefacts. The obtained surface was triangulated and
exported in IGES format to ANSYS Workbench 18.0 (ANSYS Inc., PA, USA)
where the inflow and outflow boundaries of the 3D geometry were created by
cropping the reconstructed geometry perpendicularly to the vessel centerline.
Figure 2.3 shows the main steps of the segmentation procedure for Patient 1.

2.2.3

Mesh creation

The AD models were imported in ICEM-CFD (ANSYS Inc.) for the generation of the computational grids. The fluid domain was discretised with a
hybrid mesh consisting of tetrahedral elements in the core region and prismatic elements at the wall boundaries. The use of prism layers is an efficient
way to refine the mesh at the walls allowing an accurate resolution of the fluid
boundary layer in the FVM solver. The following procedure was adopted for
the creation of the computational grids:
1. Mesh parameter settings: a value for the global element seed size, controlling the size of the largest element, was specified. Curvature/proximity
based refinement was enabled, allowing automatic mesh refinement in
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(a)

(b)

(c)

Figure 2.3: Geometry reconstruction for Patient 1: (a) rendering of the CT data;
(b) segmented mask after smoothing; (c) 3D model used for the simulations.

regions of high curvature and in small gaps. Parameters controlling the
refinement algorithm (i.e. minimum element size, elements in gap, number of refinements) were accordingly set.
2. Surface mesh creation: the surface of the 3D model was discretised with
triangular elements using the patch independent mesh method.
3. Volume mesh creation: the 3D volume was discretised with tetrahedral
elements using the Delaunay meshing scheme.
4. Prism mesh creation: prismatic inflation layers at the walls were created
in agreement with the specified prism meshing settings (i.e. total height,
number of layers, expansion ratio) by extruding the surface elements
towards the core mesh.
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A mesh independence study was carried out to select the appropriate parameters used for grid creation.
2.2.3.1

Mesh independence study

Coarse, medium and fine meshes were created for Patient 3 corresponding to
approximately 750 K, 1.7 M and 3 M elements, respectively. Fluid-dynamic
variables of interest obtained with the 3 computational grids were compared
in order to assess the influence of the mesh on the simulation results. The
settings detailed in the Section 2.2.4 were used for the CFD analysis. Inlet
and outlets P and Q waves were compared by computing the following relative
difference metrics:
∆%P,max = maxi

Pim − PiM
PiM

(2.1)

∆%Q,max = maxi

M
Qm
i − Qi
maxj (QM
j )

(2.2)

where Pi and Qi are the average pressure and flow rate over a selected boundary
at each time point i of a cardiac cycle. The superscripts m and M refer to the
mesh with the lower and higher number of elements between the two compared
grids, respectively. ∆%Q,max is normalised by the maximum value of flow over
the cardiac cycle maxj (QM
j ) to avoid division by small values. The highest
differences resulting from the comparison are reported in Table 2.5.
Table 2.5: Mesh sensitivity analysis results.
Metric

Coarse vs. Medium

Medium vs. Fine

max ∆%P,max [%]

2.4

1.4

max ∆%Q,max [%]

1.0

1.0

max ∆%vpeak [%]

7.8

1.3

∆T AW SS,avg [Pa]

0.20

0.032

∆OSI,avg

0.025

0.021

∆RRT,avg [Pa−1 ]

2.41

2.11
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The velocity fields obtained at peak systole with the 3 grids were qualitatively similar, as shown in Figure 2.4. The percentage difference between
the maximum velocities at different cross-sectional planes (∆%vpeak ) was evaluated, and the highest difference is reported in Table 2.5.

Figure 2.4: Comparison between the velocity field at peak systole obtained with
the coarse, medium and fine grids for Patient 3. The reported values indicate the
maximum velocities over selected cross-sectional planes.

The TAWSS, OSI and RRT contour maps obtained with the three grids
(Figure 2.5) were also qualitatively similar.
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(a)

(b)
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(a)

Figure 2.5: Contour maps of wall-shear stress-based indices obtained with the
coarse, medium and fine grids for Patient 3. (a) Time-averaged Wall Shear Stress
(TAWSS); (b) Oscillatory Shear Index (OSI); (c) Relative Residence Time (RRT).

In order to quantitatively compare the obtained WSS-based indices, the
coarse and medium mesh results were interpolated on the fine grid within CFDPost (ANSYS, Inc.). The following area-weighted average difference metric was
evaluated:
P

∆I,avg =

n

an Inm − InM
P
n

an

(2.3)

where In denotes the index analysed (i.e. TAWSS, OSI or RRT) at node n on
the 3D model wall, and an is the area of the elements associated with node
n. The superscripts m and M have the same meaning as in Equation 2.1 and
2.2. The metrics resulting from the comparison between the coarse-medium
and medium-fine grids are reported in Table 2.5. Following this analysis, the
medium grid was deemed sufficient for the present simulation study.
In order to assess if the the same parameters were adequate for the gen-
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eration of the computational mesh for the other patients, further simulations
were run for Patients 1 and 2 on medium and coarse grids, with approximately
half number of elements. A maximum difference of less than 5.1% and 2.3%
was obtained when comparing the outlets’ Q and P waves obtained with the
coarse mesh to the medium mesh results, respectively. The obtained TAWSS
and OSI maps were qualitatively similar, with a maximum average difference
of 0.35 Pa and 0.031 for the TAWSS and OSI, respectively. These differences
are comparable with those obtained for Patient 3 when moving from a coarse
to a medium grid, and prove the suitability of the medium mesh parameter
settings, reported in Table 2.7, for the discretisation of the 3D geometries.
The number of elements of the generated grids varied between 1.5 and 2.4 M,
depending on the size and structure of the models.
Table 2.7: Mesh parameter settings for medium mesh generation.
Mesh parameter

Value

Global element seed size [mm]

4.0

Minimum element size [mm]

1.0

Elements in gap

5

Number of refinements

15

Prism layers total height [mm]

1

Number of prism layers

7

Prism expansion ratio

2.2.4

1.2

Computational fluid dynamics

The Navier-Stokes and continuity equations for 3D time-dependent flows (Section 1.4.1) were solved with the commercial CFD solver ANSYS-CFX 18.0
(ANSYS Inc., PA, USA).
ANSYS-CFX uses the FVM to solve numerically the governing PDEs of
the fluid dynamics. In the FVM, the fluid domain is discretised in finite volumes that are used as control volumes for the conservation of relevant quan-
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tities (e.g. mass, momentum). The PDEs are integrated over each control
volume and the resulting equations are discretised in order to obtain a system
of algebraic equations that can be solved with a numerical method.
ANSYS-CFX uses a node-centred formulation of the FVM in which the
finite volumes are constructed around each mesh node using the median-dual
scheme (defined by lines joining the centres of the edges and element centres
surrounding each node (ANSYS Inc., 2016b)). The solution variables and fluid
properties are stored at the mesh nodes.
The flow models, fluid properties and boundary conditions adopted for
the CFD simulations are detailed in this section.
2.2.4.1

Flow model and fluid properties

Blood was modelled as an incompressible fluid with a density ρ = 1056 kg m−3
and non-Newtonian viscosity described by the Carreau-Yasuda (CY) model
with parameters taken from Gijsen et al. (1999). As demonstrated by Alimohammadi et al. (2015), the shear-thinning properties of the blood are likely
to play an important role in AD simulations, due to frequent presence of low
shear-rate regions in the FL. The CY model describes the shear-thinning behaviour of the 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 ](m−1)/a

(2.4)

where µ0 and µ∞ are the low- and high-shear rate dynamic viscosities, and
λ, a, and m are empirically determined constant parameters. The parameter
values used in the simulations (i.e. µ0 = 22·10−3 Pa·s, µ∞ = 2.2·10−3 Pa·s, λ
= 0.110 s, a = 0.644, m = 0.392) were fitted by Gijsen et al. (1999) to a blood
analogue with characteristics similar to blood samples. This viscosity model
has been previously used in AD simulations (Alimohammadi et al., 2015).
Based on the inlet area (Ain ) of the reconstructed aortae and considering
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a characteristic dynamic viscosity µc 1 , the mean Reynolds number (Rem ), the
peak Reynolds number (Rep ) and α were evaluated for each patient as follows:
Vm Din ρ
µc
Vp Din ρ
Rep =
µc
Rem =

Din
α=
2

ωρ
µc

(2.5)
(2.6)

!1

2

(2.7)
1/2

where Din is the inlet hydraulic diameter (= 2 · π −1/2 · Ain ), Vm and Vp are
the mean and peak inlet average velocities, respectively, and ω is the angular
frequency (= 2πf , with f equal to the cardiac cycle frequency).
Rem varied from 191 to 677, Rep from 877 to 2802, and α varied between 13
and 17.
In order to assess the presence of turbulence, Recr was evaluated following
Peacock et al. (1998) as:
Recr = 169 α0.83 St−.027

(2.8)

where St was calculated as:
St =

Din
f
.
2 Vp − Vm

(2.9)

The values of Rep were in all cases well below the Recr , which varied between
3041 and 3876, thus the blood flow was considered laminar.
2.2.4.2

Boundary conditions

A representative CFD model and its BCs is shown in Figure 2.6a for Patient
1.

1A

characteristic dynamic viscosity µc was used for the calculation of Re and α since
the blood was modelled as a non-Newtonian fluid, whose viscosity is expected to vary both
temporally and spatially in the fluid domain. µc was estimated from Equation 2.4 using a
Vp
nominal γ̇ defined as Din
(Cagney and Balabani, 2019).
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Figure 2.6: (a) Schematic of the CFD model and its boundary conditions. Patient
1 is shown as an example. (b) Flowchart of the procedure adopted for parameter
calibration.

The fluid-structure interaction effects due to the compliance of the aorta were
modelled in a lumped manner by introducing a capacitor (Caorta ) before the
inlet of the 3D model, following an approach similar to that in Pant et al.
(2014). As a result, the flow rate Q3D (t) prescribed at the inflow boundary of
the 3D model is related to the inlet flow QIN (t) via Equation 2.10:

Q3D (t) = QIN (t) − Caorta

dPaorta
dt

(2.10)

where Paorta (t) is the instantaneous value of the pressure averaged over the
whole aortic domain. Caorta was estimated as described in the following section. Q3D (t) was prescribed as a uniform velocity profile.
A WK3 was coupled to each outlet i. Hence, the flow (Qi ) and pressure
(Pi ) at each outlet i are related by:
Pi (t) = (R1,i + R2,i )Qi (t) − R2,i Ci
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dQi
dPi
+ R1,i R2,i Ci
dt
dt

(2.11)
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where R1,i and R2,i represent the proximal and distal resistances, and Ci is the
compliance of the vasculature distal to outlet i. WK3 parameters were calibrated as detailed in the following section. The 3D model walls were assumed
to be rigid with a no-slip condition.
2.2.4.3

Parameter calibration procedure for model personalisation

The WK3 parameters (i.e. R1,i , R2,i and Ci ) and Caorta were adapted to the
specific patient following the procedure described below. The objectives of the
calibration procedure were (i) to achieve physiological flow distribution at each
outlet, and (ii) to obtain the measured P̂sys and diastolic P̂dia pressures at the
inlet.
The fraction of the CO leaving each outlet (xi ) was determined based
both on the available patient data and literature, as summarised in Figure 2.7
and detailed here: 30% of the CO was directed to the supra-aortic branches,
as typically reported for AD patients (Cheng et al., 2014b), and distributed
among them proportionally to the vessel cross-sectional area (Zamir et al.,
1992). The mean flow exiting CT, SMA, LRA and RRA was determined
according to Nakamura et al. (1989) and Hall (2015). The remaining mean
flow was equally split between the common iliac arteries, 70% of which was
directed to the external iliac arteries (REI, LEI) and the remaining 30% to the
internal ones (RII, LII).
In case that there was evidence of non-physiological CO distribution, the estimated values were adjusted accordingly. For example, the mean flow in the
LRA of Patient 3 was reduced by 29%, as estimated from the available CT
scans (see Section 2.2.1.3). The resulting target xi values for the three patients
are reported in Table B.1.
Figure 2.6b illustrates the workflow adopted for the model calibration, comprising the following steps:
1. The first step involves setting up a 0D reduced-order analogue of the CFD
model. The 3D aorta was divided in segments modelled as 0D-buildingblocks made by an inertance (L) and a resistance (R). Values for L
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Figure 2.7: Physiological distribution of the cardiac output (CO) amongst the
main aortic branches. xi : CO fraction; Ai : cross-sectional area; subscript i refers
to: BT: brachiocephalic trunk, SAB: supra-aortic branches, RSA: right subclavian
artery, RCC: right common carotid artery, LCC: left common carotid artery, LSA:
left subclavian artery, DA: thoracic descending aorta, CT: celiac trunk, SMA: superior mesenteric artery, RRA: right renal artery, LRA: left renal artery, IR: infrarenal
aorta, REI: right external iliac artery, RII: right internal iliac artery, LEI: left external iliac artery, LII: left internal iliac artery, Q̄SM A : SMA mean flow rate, Q̄CT :
CT mean flow rate. Q̄SM A and Q̄SM A are calculated based on the patient’s body
weight and sex according to Nakamura et al. (1989).

were estimated from the geometry of the segments following Equation
1.3, while values for R were calculated as the ratio of the pressure drop
to the flow rate at each segment as determined by a steady-state CFD
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simulation of the 3D AD model. The schemes of the 0D reduced-order
analogues are reported in Appendix A.
2. A WK3 analogue of the entire vascular system was used to estimate the
total arterial compliance Ctot , following the method described by Les
et al. (2010). WK3 parameters Ctot , R1 and R2 (with R1 /Rtot assumed
equal to 5.6%, where Rtot = R1 + R2 (Les et al., 2010)) were estimated
using the iterative approach proposed by Xiao et al. (2014) based on
the first-order Taylor expansion of the following expressions for Rtot and
Ctot :
Pmean
Q̄IN
Qmax − Qmin
Ctot =
∆t
Psys − Pdia
Rtot =

(2.12)
(2.13)

where Pmean , Psys and Pdia are the mean, maximum and minimum values, respectively, of the WK3 inlet pressure P (t) obtained using QIN (t)
as input; Q̄IN , Qmax and Qmin are the the mean, maximum and enddiastolic minimum values of QIN (t), respectively, and ∆t is the difference
between the time at Qmax and the time at Qmin .
Applying a first-order Taylor expansion of Equations 2.12 and 2.13
n
n
around the current values of the mean Pmean
and pulse pressure Ppulse
(=
n − P n ), the following iterative formulae are obtained:
Psys
dia
n
∆Pmean
n
n
= P̂dia − Pdia
(2.14)
, ∆Pmean
Q̄IN
Qmax − Qmin
n+1
n
n
n
n
Ctot
= Ctot
−
∆t∆Ppulse
, ∆Ppulse
= P̂pulse − Ppulse
n
(Ppulse
)2
n+1
n
Rtot
= Rtot
+

(2.15)
n
was approximated using
where n is the iteration number and ∆Pmean

the change in the diastolic pressure. P̂pulse is the target pulse pressure
(= P̂sys − P̂dia ).
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Rtot and Ctot were adjusted according to Equations 2.14 and 2.15 until
P (t) was bounded by the target P̂sys and P̂dia .
Finally, an estimate of the pressure-wave form factor (FF)2 necessary
for Step 3 was calculated from the final P (t) with the formula F F =
(Pmean − Pdia )/(Psys − Pdia ) (Chemla et al., 2002).
3. The total resistance Rtot,i = R1,i + R2,i of each outlet WK3 i was estimated via a steady-state CFD simulation of the AD model with the
following BCs: the mean pressure P̄IN estimated from P̂sys , P̂dia and FF
as P̄IN = F F · (P̂sys − P̂dia ) + P̂dia , was prescribed at the inlet, while the
target mean flow (i.e. Q̄i = xi Q̄IN ) was set at the outlets as outflow condition. Rtot,i was calculated as the ratio of the predicted outlet pressure
P̄i to Q̄i .
4. The reduced-order model set up at Step 1 was used at this stage as an
analogue of the CFD model to determine Caorta as a fraction xcaorta of
the estimated total compliance (Caorta = xcaorta Ctot ). The compliance
attributed to the outlets (CW K3s ) was calculated as the difference between Ctot and Caorta and distributed to each WK3 proportionally to
the mean flow Q̄i . Values of Rtot,i from Step 3 were used for the WK3s,
assuming a R1,i /Rtot,i ratio equal to 28% for the renal arteries and 5.6%
for the other outlets, respectively, following Les et al. (2010). The higher
value of the R1,i /Rtot,i ratio for the renal arteries was selected in order
to account for the absence of backflow throughout the cardiac cycle and
relatively high diastolic flow that characterise the renal flow (Bax et al.,
2005). The fraction xcaorta was estimated using an optimization algorithm (Broyden-Fletcher-Goldfarb-Shanno algorithm) in order to obtain
the target pulse pressure P̂pulse at the inlet of the reduced-order model,
using QIN (t) as input. The governing equations were solved with a
2 The

form factor is a parameter used to quantify the shape of the pressure waveform.
It expresses the percentage of the amplitude of the waveform to be added to its minimum
value to obtain the mean.

120

2.2. Methods

backward-differentiation formula (BDF) scheme using the software 20sim (Controllab Products B.V., Enschede, The Netherlands).
5. Finally, Steps 3 and 4 were reiterated using the FF calculated from the
inlet pressure waveform P (t) obtained at Step 4. The obtained model
parameters Caorta , R1,i , R2,i and Ci were used for the final CFD model.
2.2.4.4

Numerical discretisation and solver settings

The NS equations were spatially and temporally discretised with a high resolution advection scheme (Barth and Jespersen, 1989) and a second order
implicit backward Euler scheme (ANSYS Inc., 2016a), respectively, using a
uniform time-step of 1 ms, small enough for time-step size-independent results.
ANSYS-CFX uses a coupled approach which solves the discretised conservation equations for the velocity (u, v, w) and pressure (p) as a single system.
An Incomplete Lower Upper factorisation technique with Additive Correction
Algebraic Multigrid (Raw, 1996) is used to solve the system of linearised equations.
Equations 2.10 and 2.11 were applied at the model inlet and outlets, respectively, via an implicit coupling approach using the following discretisation
scheme. In Equation 2.10, the time-derivative term was approximated with a
first-order backward Euler method leading to:
Qn3D = QnIN − Caorta

n−1
n
Paorta
− Paorta
∆t

(2.16)

where Qn3D is the flow rate applied at the inlet of the 3D model at the current
time-step n and updated at every solver loop, QnIN is the inlet flow rate at
n−1
n
the current time-step, Paorta
and Paorta
are the current value (updated at

each solve loop) and previous time-step value of the aortic average pressure,
respectively, and ∆t is the time-step length.
In Equation 2.11, the first-order backward Euler approximation of the
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term

dP
dt

leads to:3
n

(R1 + R2 )Qn + βP n−1 + R1 R2 dQ
dt
P =
1+β
n

where β =

R2 C
∆t ,

and ∆t is the time-step length.

dQn
dt

(2.17)

is the time-derivative

of the outlet flow rate Qn , approximated with a first-order backward Euler
approach and updated at each solver loop by CFX. P n−1 is the previous timestep outlet pressure, and P n is the outlet pressure set as boundary condition
and updated at every solver loop.
The convergence of the solution was controlled by specifying a maximum
root-mean-square residual of 10−5 .
2.2.4.5

Numerical simulations and post-processing

Computations were run in parallel mode (approximately 35,000 nodes per partition) on the high-performance computing cluster of the Department of Computer Science, University College London. The average computational time
per cardiac cycle was about 15 hours. Simulations were initialised with the
outlets’ diastolic pressure obtained from the 0D model simulations, and were
run until reaching the periodic state, which took 3 to 4 cardiac cycles, and the
last cycle was used for the analysis of results. The periodic regime was established when the maximum relative errors (calculated similarly to Equations
2.1 and 2.2) between the Q and P waves at the model inlet and outlets of two
consecutive cardiac cycles were less than 1%.
Post-processing was performed using CFD-Post (ANSYS Inc.) and MATLAB (Mathworks, MA, USA). The pressure difference between the TL and FL
(transmural pressure, TMP = PT L - PF L ) was evaluated over several crosssectional planes along the dissection, as shown in Figures 2.11-2.13, at three
different instants of the cardiac cycle (i.e. mid-acceleration, peak systole, middeceleration). A positive TMP indicates higher pressure in the TL, whereas
negative values mean higher pressures in the FL.
3 The

subscript i has been omitted for simplicity.
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2.3
2.3.1

Results
Aortic dissections anatomy

Patient 1
Patient 1 presents a type-B AD originating from an entry tear (area ≈ 150
mm2 ) distal to the LSA and extending to LEI (Figure 2.8). A dissection
flap can be noted in BT. Multiple tears are present along the dissection as
indicated in Figure 2.8. All the aortic branches originate from the TL. Lastly,
an additional FL is observed at the level of the distal thoracic aorta (dashed
green arrows in Figure 2.8).

Figure 2.8: AD geometry extracted from the CT scans of the three patients.
Arrows indicate the location of the tears in the intimal flap.

Patient 2
Patient 2 presents a residual type-B dissection following a surgical repair of
a type-A AD which required the replacement of the ascending aorta with a
vascular graft. The residual dissection extends to the distal common iliac
arteries. Three small entry tears are observed in the proximal part of the
dissection (area of the tears ≈ 50 mm2 ) and further multiple connecting tears

123

2. Personalised Haemodynamic Simulations Informed by
Commonly Available Clinical Datasets
are present in the IF as illustrated in Figure 2.8. The dissection involves BT,
RRA and LRA which are perfused by both the TL and the FL, while the other
aortic branches originate from the TL.
Patient 3
Patient 3 has a type-B AD which extends from just distal to the LSA to the
common iliac arteries. A large entry tear of about 470 mm2 is present in the
proximal part of the dissection, about 45 mm distal to the LSA. The RRA and
SMA originate from the TL, whereas the LRA from the FL. A dissection flap
is observed in the CT which is perfused by both the TL and the FL. Multiple
tears are present in the IF as illustrated in Figure 2.8 and, as in most cases,
they are in proximity to the origin of intercostal, visceral or renal arteries from
the FL.

2.3.2

Personalised boundary conditions

The model parameters estimated using the proposed calibration procedure are
listed in Appendix B (Table B.1). The calibration objectives were met closely
as reported in Appendix B (Table B.2), with a maximum difference between
the computed and target values of 0.5% for the case of the flow split and 3
mmHg for the inlet pressure values.
The inlet capacitors accounted for 42.6, 64.9 and 40.6% of Ctot for the 3 modPatient 1
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Figure 2.9: Pressure waveforms obtained at the inlet of the CFD models. For each
patient, the systolic, diastolic and mean (in brackets) pressures are reported in the
top-right corner.

124

2.3. Results

els, respectively, consistent with the findings reported by Ioannou et al. (2003)
according to which approximately 50% for the total arterial compliance is located in the proximal thoracic aorta.
The models allowed physiological inlet pressure waveforms to be obtained (Figure 2.9) with form factor values in the range of 0.49-0.51, as expected at the
aortic root level (Chemla et al., 2002). The flow rate and pressure waveforms
computed at the other model boundaries are reported in Appendix C.

2.3.3

Comparison against invasive blood pressure measurements

A comparison between the systolic and diastolic pressures obtained with the
CFD models and those recorded via IBPM at various intra-aortic locations,
both in the TL and FL, is shown in Figure 2.10. The two sets of data compare
well, with a mean difference (± standard deviation) between the computational
and clinical data of 4 ± 2 mmHg for Patient 1, 3 ± 1 mmHg for Patient 2
and 4 ± 3 mmHg for Patient 3. These differences agree well with the accuracy
expected for IBPM, as reported by Romagnoli et al. (2014), and provide confidence on the reliability of the simulation results. It should be noted that while
the computed pressure field is obtained from one heartbeat as determined by
the applied BCs, the clinical measurements are inevitably affected by cycleto-cycle variability; this represents a source of error that must be considered
when comparing clinical and simulation data.

2.3.4

Blood flow dynamics

Patient 1
Computational haemodynamic results obtained for Patient 1 are presented in
Figure 2.11. The computed pressure field at peak systole (Figure 2.11a) shows
a pressure gradient along the length of the TL of 15 mmHg (from the entry
tear to the main exit tear at the iliac bifurcation) which is larger than the
values reported for ‘undissected’ aortae (approx. 5 mmHg (Dillon-Murphy
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Figure 2.10: Comparison between computational (orange) and invasive intra-aortic
blood pressure measurements (IBPM) (green).

et al., 2016)). This is due to the higher hydraulic resistance of the TL due to
its reduced cross-sectional area, which ultimately leads to a higher hydraulic
load placed on the left ventricle. Only a small proportion of the total aortic
flow enters the FL via the main entry tear (15%), while most of the blood flows
through the TL perfusing the main aortic branches. Pressures in the TL are
higher than in the FL in the proximal part of the dissection (Figure 2.11b),
with a maximum TMP at peak systole of 10 mmHg. The TMP between the
TL and FL decreases along the dissection and negative values can be noted in
the distal region, just above the CT (at the mid-deceleration systolic phase),
and above RRA, LRA and SMA (at peak systole). Such TMP variations may
lead to dynamic compression of the TL due to IF motion, and consequently
hinder the blood flow in these important aortic branches originating from the
TL. TAWSSs in the TL (range 0.5-12 Pa, Figure 2.11c) are higher than those
reported for healthy aortae (<2 Pa (Pirola et al., 2017; Chiu and Chien, 2011));
focal regions of increased TAWSS values are observed in the TL, where the
cross-sectional area is smaller, and at the location of intimal flap tears (e.g.
entry tear TAWSS = 7.5 Pa) which could represent a risk of tear expansion.
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Figure 2.11: Haemodynamic results for Patient 1. (a) Pressure field obtained at
peak systole; (b) pressure difference (TMP) between the TL and the FL calculated
at three different phases of the cardiac cycle; (c) time-averaged wall shear stress
(TAWSS) distribution; (d) oscillatory shear index (OSI) distribution.

On the contrary, lower values of TAWSS are observed in the FL (< 2 Pa) due
to lower velocities and larger cross-sectional areas. Here, slow and disturbed
flow leads to high values of OSI, as can be seen in Figure 2.11d. High OSI
values are also observed on the TL wall next to IF tears.
Patient 2
Figure 2.12 shows key haemodynamic results for Patient 2. A large pressure
gradient along the TL can be noted at peak systole, leading to a pressure
drop of 21 mmHg from the proximal TL to the iliac bifurcation. This is due
to the very small cross-sectional area of the TL, which is almost completely
compressed by the FL in the distal part of the thoracic aorta. Even though
only small entry tears connect the TL to the FL, the blood flow splits almost
equally between the TL and FL (44% in the FL, 56% in the TL) due to the high
hydraulic resistance of the TL. The small entry tears lead to higher proximal
pressures in TL than in the FL throughout the systolic phase, with a maximum
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Figure 2.12: Haemodynamic results for Patient 2. (a) Pressure field obtained at
peak systole; (b) pressure difference (TMP) between the TL and the FL calculated
at three different phases of the cardiac cycle; (c) time-averaged wall shear stress
(TAWSS) distribution; (d) oscillatory shear index (OSI) distribution.

TMP of 15 mmHg at peak systole. The TMP decreases in the distal descending
aorta, becoming negative at the level of the abdominal branches through half
of the systolic phase, hence posing a risk of dynamic obstruction of the already
narrow TL. Nonetheless, perfusion of the kidneys does not appear to be at risk
since a significant portion of the renal blood flow originates from the FL (i.e.
73 and 48% for LRA and RRA, respectively). Extremely high TAWSS values
are obtained at the entry tears (up to 38 Pa) and in narrow TL locations (24
Pa). The marked bending of the aorta in two points leads to regions of flow
separation and reattachment characterised by high values of OSI as can be
seen on the FL wall. The presence of tears induces disturbed flow in both the
TL and FL as indicated by elevated OSI values in the distal abdominal aorta.
Patient 3
Selected haemodynamic results for Patient 3 are presented in Figure 2.13.
The dissection is characterised by a large entry tear which diverts most of the
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Figure 2.13: Haemodynamic results for Patient 3. (a) Pressure field obtained at
peak systole; (b) pressure difference (TMP) between the TL and the FL calculated
at three different phases of the cardiac cycle; (c) time-averaged wall shear stress
(TAWSS) distribution; (d) oscillatory shear index (OSI) distribution.

aortic flow (88%) towards the FL. The pressure gradient along the aorta at
peak systole is modest (about 7 mmHg) due to the large cross-sectional area of
the FL and the little flow going through the smaller TL. Due to the large entry
tear, the pressure is almost equal in the TL and FL starting from the proximal
part of the dissection (Figure 2.13b). The transmural pressure TMP between
the TL and FL becomes negative in the region of the abdominal branches
where the constricted TL results in higher blood velocities and lower pressures
(i.e. Venturi effect). However, because of the thick IF in this region, the risk
of compression of the TL due to IF motion is low. The TAWSS values acting
on the aortic wall are physiological (< 2 Pa) while regions of high OSI can be
noted in both the TL and FL, mainly due to the irregular surface of the vessel.
A thrombus formation was observed in the FL of this patient at a location
upstream of the branches originating from the TL (Figure 2.14b). This causes
a compression of the TL which results in higher RRT values on the TL wall
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(Figure 2.14a). RRT has been found to correlate positively with thrombus
formation (Xu et al., 2018) which could hinder the flow in the TL and cause a
risk of end-organ malperfusion in this patient.

Figure 2.14: (a) Relative Residence Time (RRT) in the abdominal aorta of Patient
3. High values of RRT can be noted on the wall of the TL. RRT is proportional to the
residence time of blood particles near the wall, and it has been correlated to regions
of thrombosis. (b) CT scan showing a large FL partial thrombosis compressing the
TL.

2.4

Discussion

One of the main challenges engineers face in translating patient-specific modelling into the clinic is the ability to reproduce the specific patient’s condition
accurately enough to be clinically meaningful, using data that are acquired
routinely and non-invasively. In this chapter, we presented a computational
framework that allows the implementation of blood flow simulations of AD
informed by datasets commonly acquired during AD monitoring. The framework was tested on three complex cases of dissection of the descending thoracic
aorta (and the aortic arch, in two cases), and the results were compared against
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IBPM.
Modelling approach: boundary conditions
The proposed computational framework features dynamic BCs which enable
physiological pressure and flow waves to be obtained in the CFD domain.
State-of-the-art Windkessel models were used as outflow BCs in order to represent the distal vasculature, which have been shown to be superior to other
BC strategies by Pirola et al. (2017), while at the inlet a novel approach was
adopted to represent the compliance of the aorta via a lumped parameter.
Pressure is an important variable that can be extracted from CFD simulations, particularly relevant for AD where high pressures in the FL could
indicate a risk of expansion and rupture. Such pressures cannot be measured
non-invasively. However, without accounting for aortic wall compliance, it was
not possible to obtain physiologically reasonable results in terms of pressures
and therefore match measured invasive data, if available. This was already
pointed out by Pant et al. (2014), and also observed with the reduced-order
models implemented in this work; without employing an inlet capacitor, the
target inlet pressures could not be reached, even by increasing the total compliance distributed amongst the distal WK3s.
Interestingly, Pirola et al. (2019) found a generally good agreement when
comparing in vivo Doppler-wire pressure measurements against pressure predictions of a rigid-wall, 4D-flow MRI-based CFD model of a type-B AD. They
obtained a mean difference of 4 ± 4 mmHg and 5 ± 3 mmHg for the preand post-TEVAR scenarios, respectively. However, it should be noted that
the MRI-derived flow rate applied at the inlet of their model lacked a steep
systolic gradient (the systolic phase lasted for about 0.4 s, 57% of the cardiac
cycle) which allowed inertial effects to be less prominent on the pressure rise;
in this setting, compliance effects are less likely to be critical for pressure pulse
modulation, therefore the adoption of an inlet capacitor may not be necessary.
Moving-wall simulations that inherently account for vessel compliance can
overcome some of the limitations posed by rigid wall assumptions; however
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they are fraught with difficulties; besides being computationally expensive and
challenging in case of large deformations in complex AD geometries, these
models need to be informed by imaging data of the vessel wall position, which
are not part of the routinely acquired clinical datasets.
However, the lumped-element capacitor adopted as inlet BC in this study
allows to account for aortic compliance avoiding moving wall simulations. This
approach is similar to the one proposed by Pant et al. (2014), and is based on
the hypothesis that, since the majority of the arterial compliance is located
in the proximal thoracic aorta (Ioannou et al., 2003), ‘lumping’ it at the inlet
would not significantly affect the haemodynamics in the descending thoracic
aorta, which is the focus of type-B AD simulations.
This approach has been commonly adopted in in vitro mock circulatory loops
using rigid aortic phantoms in order to obtain physiologic ascending aortic
pressure waveforms; a compliance is physically placed upstream of the rigid
phantom with the aim of accounting for the arterial compliance in experimental
haemodynamic studies (Papaioannou et al., 2002; Stamatopoulos et al., 2011;
Biglino et al., 2012; Hang et al., 2016).
In the absence of complete clinical datasets, including wall deformation
data, and in order to avoid moving wall/FSI simulations, the method presented
here represents the best compromise for obtaining physiological pressures in
patient-specific simulations. The good match achieved by comparing against
in vivo IBPM serves as validation and provides confidence that the approach
yields clinically relevant results.
Calibration strategy
The proposed strategy for the calibration of the BCs was tested on all 3 AD
cases. Target values for pressures and flow were matched reasonably well.
The calibration objectives (i.e. flow distribution and inlet systolic/diastolic
pressure) are the same as those commonly adopted when tuning Windkessel
parameters for blood flow simulations (Les et al., 2010; Xiao et al., 2014; Itu
et al., 2018). However, calibration strategies previously reported in the litera-
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ture often rely on iterative procedures in the context of 1D models (Xiao et al.,
2014; Itu et al., 2018) which can be computationally prohibitive if directly applied to 3D models. With the proposed method, by combining time-dependent
simulations in 0D models and steady-state simulations in the actual 3D model,
we were able to reduce the computational time needed for the calibration and,
at the same time, account for the haemodynamic resistance of the pathological
aortae which most likely affects the flow distribution. In particular, the 3D
steady-state simulations allowed the accurate estimation of the distal WK3s resistances - which determine the flow distribution, while the 0D time-dependent
simulations allowed the tuning of the compliances coupled to the aorta, which
together with the resistances, affect the systolic and diastolic pressures.
Haemodynamic results
Simulations provided information that could not be obtained by imaging alone,
such as the dynamics of the intra-luminal pressure, blood flow in the lumina,
TAWSS, OSI and RRT maps. As discussed in Chapter 1 (Section 1.4.3) high
pressures in the FL can lead to the dynamic compression of the TL which can
potentially hinder the blood flow into major aortic branches. This phenomenon
was observed in the proximity of tears in the abdominal region, where negative
values of TMP were obtained during part of the cardiac cycle.
Simulations also provided the blood flow partition in the two lumina,
which is important from a clinical perspective since a patent FL has been
correlated to an increased risk of late-term complications and death (Bossone
et al., 2018). Interestingly, it has been observed that the flow in the FL may
not depend only on the size of the entry tear, but also on the shape of the
TL. For example, in Patient 2, even if the entry tears are small, the blood flow
splits almost equally between the two lumina due to the small cross-sectional
area of the TL.
WSS-based indices computed by the simulations may be used to predict
the long-term progression of the dissection. As described in Chapter 1 (Section 1.4.3), recent studies have established preliminary correlations between
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TAWSS and FL expansion (Xu et al., 2018) and tear formation (Osswald
et al., 2017), and between RRT and thrombus formation (Xu et al., 2017,0).
In the present study, high values of TAWSS were observed in correspondence
of intimal tears and in the TL, particularly in the regions compressed by the
FL. High values of OSI were also noticed in correspondence of the tears in the
distal IF, where disturbed flow resulted from the blood exchange between the
two lumina.
Limitations and applicability
The approximation of the vessel compliance via a lumped capacitor at the inlet
and the assumption of rigid walls introduces certain limitations in the present
study.
Firstly, by moving the compliance from the proximal aorta to the inlet,
accurate blood flow predictions in the descending aorta can be made. This
will be effective for the study of type-B dissections, but may not be suitable
for dissections involving the ascending aorta.
Secondly, studies based on lumped parameter models investigating the
effect of wall elasticity on AD haemodynamics (Rudenick et al., 2015) showed
that, in case of only small communications between the two lumina, the effect
of wall elasticity on pressure predictions can be relevant. In particular, it was
observed that the FL pressure wave is slower than the TL one in the case
of small tears and distensible walls, leading to a time-shift between the TL
and FL waveforms that can significantly impact the instantaneous transmural
pressure across the IF. On the other hand, the time-shift between the pressure
waves tends to zero in the presence of at least one large tear (Rudenick et al.,
2013,0), thus in this case a rigid-wall model would be sufficient for assessing
the pressure difference between the lumina (Soudah et al., 2015).
Lastly, rigid-wall models do not allow an accurate description of the local
effects of the motion of IF on the flow field (Alimohammadi et al., 2015) and
thus may not be suitable in acute settings where the IF is highly mobile.
In summary, the proposed approach is applicable for the study of ADs
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where the region of interest is the descending aorta, with large or multiple
communications between the TL and the FL, and with a fairly rigid intimal
flap.

2.5

Conclusions

This chapter presented a new method for the implementation of personalised
CFD models using non-invasive and minimal datasets routinely acquired for
AD monitoring. The approach was tested on three complex cases of type-B
AD, and the results were positively compared against IBPM, specifically acquired in this study for validation purposes only, but not necessary for the
implementation of the models. A novel way to account for wall compliance
via a lumped-element capacitor coupled to a rigid-wall CFD model was investigated, and a personalisation strategy for selecting the model parameters was
proposed. The study illustrated how combining commonly available clinical
data with computational modelling can be a powerful tool to increase clinical
understanding of aortic dissection.
Accounting for local effects exerted by the motion of the IF and vessel
wall can be important in certain AD settings, but the computational cost and
complexity of traditional full-FSI techniques may be prohibitive in the context
of clinical translation. In order to address this, a novel efficient methodology
for the implementation of moving-wall CFD models of AD is presented in the
next chapter. The proposed method is described and applied to an AD case
study, and the results are compared against a full-FSI simulation.
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Chapter 3

A Simplified Method to
Account for Wall Motion in
Blood Flow Simulations: the
Moving Boundary Method†
3.1

Introduction

Traditionally, blood flow in arteries has been modelled assuming incompressible flow with Navier-Stokes equations in rigid-wall 3D models (Taylor and
Figueroa, 2009). However, it is well known that arterial vessel deformation
due to pressure changes during the cardiac cycle impacts the blood velocity
and pressure fields. For example, due to the finite velocity of the P and Q waves
in the aorta, a phase-lag between the pulses in the ascending and descending
aorta is expected. A model with an incompressible fluid in a rigid domain,
where the wave velocity is infinite, cannot capture these effects (Brown et al.,
2012). Wave transmission phenomena may have an impact on haemodynamic
† The

work presented in this chapter was published in Bonfanti et al. (2018), ‘A simplified method to account for wall motion in patient-specific blood flow simulations of aortic
dissection: Comparison with fluid-structure interaction’, Medical Engineering and Physics,
58, 72-79. The moving boundary method described in this chapter was also successfully
applied to the study of peripheral vein-grafts (Donadoni et al., 2019).

3. A Simplified Method to Account for Wall Motion in Blood Flow
Simulations: the Moving Boundary Method
predictions particularly in the AD scenario, where two parallel lumina are
present (see Chapter 1, Section 1.4.2.5).
FSI methods allow describing the two-way interaction between the blood
flow and vessel wall deformation. Most commonly, FSI models are based on
the arbitrary Lagrangian-Eulerian (ALE) formulation (Hughes et al., 1981),
in which the NS equations are written in a moving reference frame which
follows the deformation of the interface between the fluid and solid domains.
At this interface, the forces and velocities of the fluid and solid solution fields
must be compatible. Thus, with this approach, three solution fields have
to be solved: (i) the Navier-Stokes and continuity equations describing the
fluid flow, (ii) the equilibrium (static), congruence (kinematic) and constitutive
(material) equations describing the solid structure, and (iii) the motion of the
computational grid for the fluid, which has to be compatible with the motion
of the interface between the solid and the fluid (Taylor and Figueroa, 2009).
Commercially available codes usually solve the coupling problem through an
iterative approach: the fluid and solid equations are iteratively solved several
times during a time-step until convergence is reached (i.e. implicit approach),
or the solid solution is based on the fluid field from the previous time-step,
or vice versa (i.e. explicit approach). The iterative approach allows using
independent and specialised solvers for the fluid and solid fields (e.g. FVM
solvers for the fluid, and finite-element (FE) solvers for the solid).
Full-FSI models require the knowledge of the constitutive behaviour of the
biological tissue comprising the vessel wall, along with its thickness (Reymond
et al., 2013). This information is difficult to obtain on a patient-specific basis,
thus FSI models are often subject to significant and additional modelling assumptions regarding the mechanical properties of the vessel (Alimohammadi
et al., 2015; Qiao et al., 2019), which are patient-specific for the case of AD
(Sommer et al., 2016). Moreover, the complexity and high computational cost
of FSI models can be prohibitive in the context of clinical translation. Thus,
simpler methods to account for wall motion in such applications are necessary.
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For instance, in the immersed-boundary method (IBM), the fluid and
the solid domains are described by two separate grids: the fluid grid is fixed,
and the solid one is able to move freely within the fluid domain (Lemmon and
Yoganathan, 1999; Kim et al., 2009). The interaction between the two systems
is accomplished through the introduction of body forces applied on the fluid
nodes that overlap with the solid domain (Taylor and Figueroa, 2009). Since
the updating of the fluid mesh is not required, IBM allows large deformations
in a robust and computationally efficient way to be obtained, but, on the other
hand, does not allow a high-resolution computation of the fluid boundary layer
around the solid body, and thus the viscous forces (i.e. WSS) are not well
resolved.
Another computationally efficient method for the simulation of blood flow
in deformable vessels is the coupled-momentum method (CMM), developed
by Figueroa et al. (2006). CMM takes into account the deformation of the
vessel wall - modelled as a thin membrane - by modifying the BC applied
at the wall of the fluid domain. Being implemented in a fixed mesh, it is
computationally efficient, but it could be inappropriate for large deformations
and lead to approximate quantities computed at the boundaries, such as the
WSS (Caballero and Laín, 2013).
A method aimed at considering vessel compliance and wave propagation
phenomena in an efficient way in cardiovascular applications has been proposed
by Hose et al. (2006) and Brown et al. (2012). It introduces the compressibility
of the fluid to mimic the ability of the vessel to store fluid mass in response to
pressure changes. A limitation of this method is that, since the compressibility of the fluid is constant throughout the fluid domain, it does not account
for spatial-variations of the area-compliance of the simulated artery, which
depends on geometrical and material properties of the vessel.
An alternative way to account for wall deformability in CFD simulations
could be the prescription of displacements obtained from clinical imaging sequences to the fluid boundaries (Jin et al., 2003). However, this approach
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would rely on clinical images that are usually noisy and with a reduced temporal resolution. Moreover, the predictive character of models based on this
approach would be limited since they would not allow the simulation of conditions other than those corresponding to the imaging data.
This chapter presents a simplified and computationally efficient method
to account for the motion of the IF and vessel compliance in type-B AD CFD
simulations, circumventing the need to use full-FSI techniques. The ‘movingboundary method’ (MBM) presented here can be tuned with non-invasive
patient-specific measurements (e.g. 2D cine-MRI). It aims at capturing the
main fluid dynamics effects due to the fluid-solid interaction by representing the motion of the vessel wall and IF in a simplified, and yet meaningful
way. It adopts a physiologically-supported calculation based on pressure differences and fluid forces calculated in the computational domain along with
wall stiffness estimated in different regions of the vessel. This method can be
implemented within a commercial FVM code without the need of a FE solver
for the description of the vessel structure.
A description of the proposed approach is presented in the following sections, including its validation against the 1D solution of flow through an elastic
straight tube. The MBM is subsequently applied to a type-B AD case, which
has been previously simulated using a full-FSI model (Alimohammadi et al.,
2015). In order to directly compare both methods, displacement data available
from the FSI simulation was taken as the benchmark upon which the MBM
was tuned. Results for both cases are presented and discussed, including the
comparison of haemodynamic parameters obtained with the MBM and FSI
simulations of the AD case.
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3.2
3.2.1

Methods
Description of the method

The proposed MBM allows the motion of the 3D model boundaries to be
incorporated in a CFD framework by means of a deformable mesh, avoiding
the detailed structural analysis of the arterial wall. It is assumed that the vessel
wall and IF are in static equilibrium with the fluid forces at each time-step,
and that dynamic and viscoelastic effects are negligible. The displacements of
the aortic external wall and IF follow the local surface-normal direction, and
are linearly related to the fluid forces acting on them.
The displacement δi [m] of each mesh node i on the external vessel wall
is prescribed by:
δi =

pi − pext
~ni
KiW

(3.1)

where pi [Pa] is the pressure at node i, pext [Pa] is the external pressure set
as equal to the diastolic pressure, n~i is the local unit normal vector in the
outward direction, and KiW [N/m3 ] is a measure of the wall stiffness at node
i. Under the hypothesis of a circular cross section, KiW can be related to the
vessel wall distensibility D [Pa−1 ] as follows:
KiW

2
=
D

s

π
A0,i

(3.2)

where A0,i [m2 ] is the diastolic cross-sectional area at the location of node i.
The IF is modelled as a zero-thickness membrane and is discretised into a
number of patches (i.e. surface regions); the displacement δj [m] of each mesh
node on patch j is prescribed by Equation 3.3:
~ tm
F
j
δj =
Kj A j

(3.3)

~ tm [N] is the surface normal-transmural force (TMF) on patch j, conwhere F
j
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sidering the viscous and pressure forces acting on both TL and FL sides of the
IF patch; Aj [m2 ] is the surface area of patch j; Kj [N/m3 ] is the stiffness coefficient assigned to patch j. For each patch, Kj can assume two values, namely
~ tm points in the direction of the FL
KjF L and KjT L depending on whether F
j
or the TL, respectively. Thus, it is possible to account for potential different
mechanical behaviour of the IF in case of extension (i.e. TL expansion) or
contraction (i.e. TL compression), as highlighted by (Karmonik et al., 2012a).
The tuning of Ki and Kj is based on patient-specific displacement data that
can be obtained, for instance, from 2D cine-MR images.
A no-slip condition is specified at the walls of the fluid domain, therefore
the fluid velocity at the wall is equal to the boundary velocity, which derives
from the displacements calculated through Equations 3.1 and 3.3.
In this study, the MBM was implemented in ANSYS-CFX 17.0. The mesh
motion was obtained by specifying the displacements of the boundaries following Equations 3.1 and 3.3 via CFX Expression Language (CEL) expressions
and user-defined profile data (ANSYS Inc., 2016a).
It is important to note that the motion of the mesh nodes within the fluid
domain does not produce, or arise from, fluid velocities. Instead, the motion of
the internal nodes of the mesh results from the solution of a diffusion equation
which ‘diffuses’ the displacement of the model boundaries throughout the fluid
domain as follows (ANSYS Inc., 2016b):




∇ · Γdisp ∇δ = 0

(3.4)

where δ is the node displacement relative to the previous mesh locations and
Γdisp is the mesh stiffness, which defines the degree to which mesh regions
move together. More specifically, if Γdisp is a constant, the displacements at
the boundaries are homogeneously diffused throughout the mesh, while, if Γdisp
is defined as a space-varying variable, nodes in regions with higher values of
Γdisp undergo smaller relative motion than regions with smaller Γdisp values. In
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this study, Γdisp was defined as a space-varying variable with high values near
the domain walls in order to preserve the mesh distribution in the boundary
layers. The deformation of the mesh elements is fully accounted for by the
CFX-solver, which, in case of moving domains, uses an ALE formulation of
the fluid-dynamic conservation equations to account for the deformation in
time of the control volumes (ANSYS Inc., 2016b).
The MBM is implemented via an implicit two-way coupling between the
mesh displacement equations and the fluid-dynamics. Hence, the displacement
of the mesh nodes and the fluid-dynamic field are updated several times within
a time-step in order to avoid stability issues due to the strong coupling between
the mesh motion and the fluid solution. More specifically, the mesh displacement equations are solved once for each of the sub-iterations (i.e. coefficient
loops) performed by the solver within a time-step. In this study, the mesh
displacement equations were solved with convergence controlled by specifying
a maximum residual of 10−4 .

3.2.2

Flow in an elastic straight tube

The flow through an elastic straight tube was studied to provide a preliminary validation of the proposed method, and prove its ability to capture wave
transmission phenomena. The solution obtained with a 3D model implementing the MBM was compared to the solution of a 1D elastic tube, which is
a common approach for the study of wave propagation in the arteries and
has been thoroughly validated in the literature (Milišic and Quarteroni, 2004;
Alastruey et al., 2008; Reymond et al., 2009).
The parameters of the tube resemble those of a healthy human aorta,
and were taken from Alastruey et al. (2008). The tube has a length ` = 40
cm, a lumen radius r = 1 cm, a wall thickness h = 1.5 mm and a Young’s
modulus E = 0.4 MPa. The blood was modelled as a Newtonian fluid (density
ρ = 1056 kg/m3 , dynamic viscosity µ = 3.5 cP). At the inlet, a periodic flow
waveform (Qin ) was applied (Figure 3.1), with the systolic phase modelled
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Figure 3.1: Schematic of the (a) 3D and (b) 1D models of the flow through an
elastic tube coupled to a Windkessel model. The 1D model is discretised with N =
40 0D LRC models connected in series.

as a half-sinusoidal waveform, and the diastolic phase as zero-flow (Alastruey
et al., 2008) (mean flow Q̄ = 3.8 l/min, cycle-period T = 0.8 s, systolic phase
Tsys = T/3). A WK3 model was coupled to the outlet. WK3 parameters were
taken from Alastruey et al. (2008) (R1 + R2 = 1.418 mmHg s ml−1 , C = 0.840
ml mmHg−1 ). R1 was set equal to the characteristic impedance of the elastic
tube (R1 = 0.155 mmHg s ml−1 ), and an outflow pressure Pout = 9.98 mmHg
was considered.
3.2.2.1

3D Model

The 3D model of the elastic tube was implemented in ANSYS-CFX 17.0 (Figure 3.1a).
The geometry of the fluid domain was created with the Design Modeler tool
of ANSYS Workbench and discretised with ICEM-CFD using a structured
hexahedral mesh consisting of about 93,000 elements, sufficiently fine for grid-
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independent results.
The flow rate waveform Qin was applied at the inlet as a time-dependent
flat velocity profile, while the WK3 was coupled to the outlet as described in
section 2.2.4.4. A no slip condition was applied at the wall.
The motion of the tube wall was modelled via the MBM: the displacement
of the wall nodes was prescribed via Equation 3.1, with parameter KiW derived
from the distensibility of the tube, D, calculated according to Equation 3.5
(Westerhof et al., 2010):
D=

3 r
2 Eh

(3.5)

The NS equations were spatially and temporally discretised with a high resolution advection scheme (Barth and Jespersen, 1989) and a second order
implicit backward Euler scheme (ANSYS Inc., 2016a), respectively, using a
uniform time-step of 1 ms. Convergence was controlled by specifying a maximum root-mean-square residual of 10−5 .
3.2.2.2

1D Model

The 1D model (Figure 3.1b) of the elastic tube was implemented in 20-sim
(Controllab Products B.V., The Netherlands).
As proved by Milišic and Quarteroni (2004), a finite number N of lumped
parameter (0D) models can discretise a linear continuous 1D model at firstorder accuracy in space. Thus, the 1D model was discretised with N = 40 0D
models, each of which were made of a resistance R0D , an inductance L0D and
a capacitance C0D , with parameters calculated according to Rudenick et al.
(2015) as follows:
8µ `
πr4 N
ρ `
L0D = 2
πr N
3 πr3 `
C0D =
2 Eh N

R0D =

(3.6)
(3.7)
(3.8)

The resulting equations were solved using the backward Euler method with a
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time-step of 1 ms.
The P and Q waves obtained from the 3D and 1D simulations were compared using the following average relative difference metrics (Xiao et al., 2014):

∆%P,avg =

Nt
Pi3D − Pi1D
1 X
Nt i=1
Pi1D

∆%Q,avg =

Nt
1D
Q3D
1 X
i − Qi
Nt i=1 maxj (Q1D
j )

(3.9)
(3.10)

where Nt is the number of time points over a cardiac cycle where the comparison was made (i.e. simulation time-steps in a cardiac cycle = 800). Pi1D and
are the pressure and flow calculated by the 1D simulation at each time
Q1D
i
point i at a single location (e.g. tube’s inlet or outlet), while Pi3D and Q3D
i are
the corresponding cross-sectional averaged pressure and flow calculated by the
3D simulation. ∆%Q,avg is normalised by the maximum flow rate value over
the cardiac cycle maxj (Q1D
j ) to avoid division by small values. The relative
difference metrics were calculated once the periodic state was reached in both
simulations.

3.2.3

Aortic dissection case study

The MBM was applied to a type-B AD of a 54-year-old female patient investigated in a previous work by Alimohammadi et al. (2015) using a full-FSI
methodology. The study was ethically approved (NHS Health Research Authority, ref: 13/EM/0143) and the patient signed the appropriate consent
form.
3.2.3.1

FSI model

Details of the FSI model are reported in Alimohammadi et al. (2015) and are
briefly described in this section.
The 3D fluid domain was extracted from a CT scan of the entire aorta
performed with a 64-slice Siemens scanner (Siemens AG, Germany; in-plane
resolution = 0.7 mm, inter-slice distance = 0.7 mm; for details on the geometry
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reconstruction the reader is referred to Alimohammadi et al. (2015). The
geometry did not include the abdominal aortic branches and renal arteries
because the CT scan resolution did not allow an accurate segmentation of
these small arteries.
The solid domain consisted of the external aortic wall - created by extruding the outer fluid domain’s wall with a uniform thickness of 2.5 mm - and the
IF which was generated by filling the gap between the TL and FL and resulted
in a varying thickness of 2.45 ± 0.34 mm (median ± median absolute deviation). The geometry was discretised in ANSYS ICEM-CFD with a tetrahedral
mesh for the solid domain and a hybrid mesh for the fluid domain (prismatic
layers at the walls and tetrahedral elements in the core region).
The FSI results used in this study were obtained using the fine mesh
adopted in Alimohammadi et al. (2015) for the grid-independence test, which
had approximately 530,000 and 146,000 elements for the fluid and solid domain,
respectively.
The mechanical properties of the aortic wall were modelled with the hyperelastic constitutive model by Raghavan and Vorp (2000). A pressure of 52.5
mmHg (equal to the diastolic pressure) was applied to the external wall, and
the centre point of each branch boundary was fixed, with motion restricted to
the boundary plane. This allowed the vessel to dilate and contract but avoided
the vertical translation of the model (Alimohammadi et al., 2015).
Blood was modelled as an incompressible fluid with a density of 1056
kg/m3 and a non-Newtonian viscosity described by the Carreau-Yasuda model,
with parameters from Gijsen et al. (1999). The SST turbulence model was used
with 1% turbulence intensity at the inlet. No flow data were available for the
patient, therefore a flow rate waveform from the literature (Karmonik et al.,
2008) was applied at the inlet as a time-dependent flat velocity profile (Figure
3.2). WK3 models were coupled to the outlet branches, with parameters calculated based on patient-specific invasive pressure measurements, as described
in Alimohammadi et al. (2014a) (Table 3.1). The mean and peak Reynolds
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numbers and the Womersley number, based on the inlet diameter of the aorta,
were equal to 831, 4252 and 25, respectively.
A schematic of the boundary conditions for the fluid flow used in the FSI model
is shown in Figure 3.2.

BT LCC LSA

* **
AA

QIN [ml/s]

400

Proximal FL

Entry
tear

170
-60

0

0.43
t [s]

0.86

IF
Re-entry
tear

*
Distal FL

AbAo
Figure 3.2: Schematic of the fluid flow boundary conditions adopted in the fluidstructure interaction (FSI) model. A three-element Windkessel model is shown
in the frame. AA: ascending aorta, BT: brachiocefalic trunk, LCC: left common
carotid, LSA: left subclavian artery, AbAo: abdominal aorta, IF: intimal flap, FL:
false lumen.

Simulations were performed via a two-way implicit coupling between the
finite volume solver ANSYS-CFX and the finite element solver of ANSYSMechanical. A uniform time step of 0.01 s was used since smaller time steps
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Table 3.1: Parameters of the Windkessel models coupled to the outlets of the
model in Figure 3.2.
Outlet

R1 [mmHg s ml−1 ]

R2 [mmHg s ml−1 ]

C [ml mmHg−1 ]

BT
LCC
LSA
AbAo

0.100
0.110
0.150
0.120

2.480
14.590
1.410
2.118

0.466
0.085
0.110
0.421

did not significantly alter the results (maximum average relative differences calculated similarly to Equations 3.9 and 3.10 - of 2% compared to the outlets
P and Q waves obtained with a time step of 5 ms). The simulations were run
for three cardiac cycles in order to reach the periodic state.
3.2.3.2

MBM model

Geometry
The 3D fluid domain for the MBM model was generated from the geometry
used for the FSI model. The original geometry was processed with Simpleware
ScanIP and ANSYS Design Modeler so as to approximate the 3D IF of the FSI
model into a zero-thickness surface to be used in the MBM model. Firstly, the
space between the TL and the FL occupied by the IF was filled in ScanIP with
the morphological filter ‘close’ in order to create the geometry of an ‘undissected’ aorta. The geometry of the 3D IF was then extracted via a Boolean
subtraction between the ‘undissected’ aorta and the original 3D fluid domain.
The 3D IF was imported in the Design Modeler where a zero-thickness surface
was created midway between the FL and TL faces of the 3D IF. Finally, the
3D geometry of the ‘undissected’ aorta was assembled with the zero-thickness
IF in the Design Modeler creating the final geometry used in the MBM model.
Figure 3.3 shows the original 3D fluid domain used for the FSI model and the
3D geometry used in the MBM model, with the IF modelled as a zero-thickness
membrane.
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Figure 3.3: 3D fluid domains used in the (a) FSI model and (b) MBM model. In
the latter, the IF is modelled as a zero-thickness membrane. AA: ascending aorta,
BT: brachio-cephalic trunk, LCC: left common carotid artery, LSA: left subclavian
artery, AbAo: abdominal aorta.

Intimal flap surface discretisation
The discretisation of the IF surface in patches was performed with the aid of
the +NURBS module of Simpleware ScanIP, which employs an automatic algorithm to fit Non-Uniform Rational B-Splines (NURBS) to a surface (Synopsys,
2017). The discretisation resulted in 197 patches with an average surface area
of 22 ± 12 mm2 (mean ± standard deviation) as shown in Figure 3.4. In the
MBM, the mesh nodes belonging to a patch move, accordingly to Equation 3.3,
with the same displacement along the direction of the patch’s normal, therefore
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Figure 3.4: Discretisation of the intimal flap in patches (i.e. surface regions).
Every patch is shown with a different colour in the figure.

the dimension of the patches has to be small enough to allow an accurate representation of the IF motion. In order to verify the suitability of the +NURBS
discretisation, the displacement of the IF obtained from the FSI simulation
was analysed. Fifteen spherical regions (radius = 2.3 mm, equal to half of the
side of a squared patch of area 22 mm2 ) were defined around the centre point
of 15 sample patches, equidistributed along the longitudinal direction of the
IF with a distance of ≈ 20 mm (Figure 3.5a). The displacement of the mesh
nodes during a complete cardiac cycle of the FSI simulation was evaluated.
The mean value (δ¯n ) and the standard deviation (SD) of the displacements
of the nodes of each sample region along the normal vector of the associated
patch were calculated. Figure 3.5b shows the displacements obtained at three

151

3. A Simplified Method to Account for Wall Motion in Blood Flow
Simulations: the Moving Boundary Method
sample regions as an example. A small SD implies that the mesh nodes within
a sample region move with a similar displacement; since throughout the heart
cycle the SD of the normal displacement of all the sample regions was smaller
than 0.05 mm (maximum δ¯n is equal to 0.5 mm), the patch discretisation of
the IF was deemed sufficiently fine for simulation purposes.
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Figure 3.5: (a) Locations of the sample regions used for the evaluation of the IF
displacement obtained with the FSI model, (b) normal displacement (δ n ) obtained
with the FSI model at three selected sample regions (S4, S8, S13). A positive value
of δ n indicates a displacement towards the FL. The bands indicate the displacement
standard deviation (SD).
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Mesh
The MBM model’s fluid domain was discretised with ANSYS ICEM-CFD using
an unstructured tetrahedral mesh in the core region and 7 prism layers at both
the IF sides and vessel wall, having a dimensionless height of the near wall cells
(y+ ) < 1. The mesh was created using the parameters of the fine mesh used
in the FSI model, for which a mesh sensitivity analysis for TAWSS, OSI and
velocity variables was carried out, as described in the paper by Alimohammadi
et al. (2015). The grid consisted of about 483,000 elements.
Boundary conditions
In order to perform a comparison between the MBM and FSI models, the CFD
BCs and fluid properties employed in the FSI simulation (and described in the
previous section) were also applied to the MBM model.
A summary of the fluid flow and mesh motion BCs are detailed in Table 3.2.
Table 3.2: Boundary conditions adopted in the MBM model. The parameters
of the Windkessel models are the same as those used for the FSI model and are
reported in Table 3.1.
Boundary

Fluid Flow

Mesh Motion

AA - Ascending Aorta
BT - Brachiocefalic trunk
LCC - Left common carotid
LSA - Left subclavian artery
AbAo - Abdominal aorta
External vessel wall
IF - Intimal flap

Inlet flow rate
Windkessel model
Windkessel model
Windkessel model
Windkessel model
No slip
No slip

Parallel to boundary surface
Parallel to boundary surface
Parallel to boundary surface
Parallel to boundary surface
Parallel to boundary surface
Specified displacement - Eq. 3.1
Specified displacement - Eq. 3.3

Model-tuning procedure based on displacement data
The clinical dataset available for the AD case under consideration lacked in
vivo wall motion images. Thus, as a proof-of-concept of the proposed method
and for validation purposes, we used displacement data generated by the FSI
model to tune the MBM. Nonetheless, the procedure described here can be
generalised and implemented using clinically-obtained motion data (e.g. 2D
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cine-MRI).
The parameter KiW is related to the wall distensibility D which can be
estimated in different aortic regions k via Equation 3.11 (Ganten et al., 2009).
In this case, the following regions were selected:
• ascending aorta;
• upper aortic branches (i.e. BT, LCC, LSA);
• descending dissected aorta;
where different vessel diameters or wall-structure alterations (due to the dissection) are expected to affect the value of D. Equation 3.11 reads:

Dk =

∆Ak
A0,k ∆pk

(3.11)

where ∆Ak [m] is the difference between the maximum and minimum area of
the cross-section of the entire aortic lumen in region k over a cardiac cycle,
measured from FSI wall displacements in the present study, A0,k [m] is the minimum cross-sectional area, ∆pk [Pa] is the difference between the maximum
and minimum average cross-sectional pressure estimated from CFD simulations at the same location, as described below.
Once Dk was estimated for each aortic region k, the parameter KiW was
assigned to each node i of the external wall via Equation 3.2. In order to avoid
steep gradients of KiW - in particular at the interface between the selected
aortic regions - a mean filter was applied using MATLAB (Mathworks, USA).
The mean filter - iterated three times - assigns the average value of KiW to a
node i calculated from its neighbour nodes.
The parameter Kj is tuned to model the IF mechanical response to the
TMF. 15 patches out of the ones into which the IF is discretised were selected
along the longitudinal direction of the IF for the tuning. After initial comparison with the FSI results, it was found that the selected number of patches
allows the spatial-variability of parameter Kj along the IF to be resolved, while
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keeping the amount of information required for the tuning sufficiently small to
be obtainable by an MRI protocol. The maximum IF displacements towards
the FL (δjF L,max ) and TL (δjT L,max ) over a cardiac cycle are determined from
the FSI results at the location of each selected patch. Thus, KjF L and KjT L
are calculated via:

KjF L
KjT L

=

=

FjF L,max
δjF L,max Aj
FjT L,max
δjT L,max Aj

(3.12)

(3.13)

where FjF L,max and FjT L,max [N] are obtained from CFD simulations, as explained below, and represent the maximum magnitude of the TMF on patch
j, when pointing to the FL or TL, respectively. The Kj values for the remaining patches are obtained by linearly interpolating the values for the selected patches along the IF longitudinal direction using MATLAB (Mathworks,
USA).
The values of ∆pk , FjF L,max and FjT L,max were estimated as a first approximation from a CFD rigid simulation with the same geometry and the
BCs of the MBM model. The MBM tuning was refined until the displacement
obtained from the MBM was deemed sufficiently close to the FSI results (i.e.
less than 0.05 mm of difference for δjF L,max and δjT L,max , and less than 0.5%
of difference for the cross-sectional area variation ∆Ak /A0,k ).
Simulations settings
The NS equations were spatially and temporally discretised with a high resolution advection scheme and a second order implicit backward Euler scheme
(ANSYS Inc., 2016a), respectively, using a uniform time-step of 0.01 s (as in
the FSI simulation). Simulations were performed with ANSYS-CFX 17.0 and
the convergence was controlled by specifying a maximum root-mean-square

155

3. A Simplified Method to Account for Wall Motion in Blood Flow
Simulations: the Moving Boundary Method
residual of 10−5 . The periodic regime was achieved within 3 cardiac cycles
after appropriate initialisation, and the results of the last cycle were used for
the analysis; maximum relative errors (calculated similarly to Equations 2.1
and 2.2) of less than 1% between the Q and P waves obtained in two successive
cardiac cycles were deemed sufficient to define the periodicity.
For comparison purposes, a rigid-wall simulation with the same BCs and
geometry of the FSI model was performed with purpose of showcasing the
effects that wall-deformation alone has on the simulation results.

3.3
3.3.1

Results
Flow in an elastic straight tube

The solutions obtained with the 3D and 1D models of the elastic straight tube
are compared in Figure 3.6. The flow rate at the tube outlet and pressure waves
at the inlet and outlet of the elastic tube are in close agreement (∆%outlet
Q,avg =
outlet
0.8%, ∆%inlet
P,avg = 0.3%, ∆%P,avg = 0.4%), demonstrating the ability of the

MBM approach to model wave propagation due to vessel compliance in a 3D
simulation.

3.3.2

Aortic dissection case study

In the following sections, the results obtained with the MBM applied to the AD
case are presented and compared against the FSI simulation, with a particular
focus on the clinically relevant haemodynamic results.
3.3.2.1

Stiffness parameters and wall displacement

The MBM stiffness parameters tuned following the procedure previously described are shown in Figure 3.7. The higher the value of the stiffness parameters, the more rigid the vessel wall is. For example, it can be observed that, as
expected, the dissected descending aorta is less distensible than the ascending
aorta (Ganten et al., 2009; Voges et al., 2012).
Wall displacement results obtained with the MBM and FSI simulations
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Figure 3.6: Comparison between the flow rate and pressure waves obtained with
the 1D and 3D models at the inlet and outlet of the elastic tube (solid line: 1D
model, dashed line: 3D model).

at different instants of the cardiac cycle are reported in Figure 3.8. Similar
displacements of the aortic wall and IF can be observed throughout the cardiac
cycle. At peak systole, a comparable expansion of the ascending aorta is
achieved by both simulations (Figure 3.8b), with a maximum cross-sectional
area variation of 4.2% and 4.0% for the FSI and MBM, respectively. At the
same instant, the distal part of the IF reaches its maximum displacement
towards the TL, leading to a compression of the latter, equal to 0.46 mm and
0.43 mm for the FSI and MBM simulations, respectively. In this IF region,
the developed TMP magnitude is higher than the one in the proximal and
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Figure 3.7: Stiffness parameters used in the MBM model: (a) K W for external
wall distensibility, as per Equation 3.2 (b) K F L for intimal flap extension, as per
Equation 3.12, (c) K T L for intimal flap contraction, as per Equation 3.13.

inter-tear regions (see Section 3.3.2.3).
3.3.2.2

Pressure and flow waves

The P and Q waves obtained at the AD model’s inlet and outlets with the
three methodologies (FSI, MBM, rigid) are compared in Figure 3.9.
The MBM and FSI results are in close agreement, with an average relative
difference of less than 1.3% and 1.8% for the P and Q waves, respectively.
These were calculated following Equations 3.9 and 3.10, where MBM and FSI
were considered instead of 3D and 1D simulations, respectively. An excellent
synchronisation between the waves computed with the two methods can be
seen, indicating that the MBM can successfully capture wave transmission
phenomena due to vessel compliance.
On the other hand, the flow and pressure waves obtained assuming a rigid
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Figure 3.8: Displacement of the vessel wall and IF obtained with the MBM and
FSI models at six different time points of the cardiac cycle: (a) mid-acceleration
systole, (b) peak systole, (c) mid-deceleration systole, (d) dicrotic notch, (e) middiastole. The reported displacement field is relative to the diastolic configuration of
the vessel.

wall, as expected, advance noticeably faster and exhibit higher peak values. For
instance, the peak pressure predicted at the inlet of the rigid model (Psys,rigid
= 104.20 mmHg) is 3.7% higher than that predicted by the FSI simulation
(Psys,F SI = 100.52 mmHg), while the MBM simulation reduces the difference
to 1.7% (Psys,M BM = 99.15 mmHg).
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Figure 3.9: Comparison between pressure (P) and flow rate (Q) waves obtained at
the inlet and outlets of the AD model by the FSI (solid line), MBM (dashed line)
and Rigid (dotted line) approaches.

3.3.2.3

Transmural pressure

Pressure differences between the TL and FL might provide important diagnostic and prognostic information (Xu et al., 2017), but cannot be easily assessed
non-invasively. The variation of the TMP over the cardiac cycle, obtained with
the FSI and MBM models at three different locations along the AD, is shown
in Figure 3.10 (TMP = PT L - PF L , where PT L and PF L are the pressures
averaged over the TL and FL cross-sections, respectively). The TMP curves
along the IF are well-matched throughout the cardiac cycle, with a maximum
difference of 0.4 mmHg in the inter-tear region of the IF.
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Figure 3.10: Comparison between the transmural pressure (T M P = PT L − PF L )
obtained with the FSI (solid line) and MBM (dashed line) models at three crosssections in the proximal, inter-tear and distal locations of the dissected aorta, as
indicated on the left figure.

3.3.2.4

Wall shear stress-based indices

Other useful markers that can be extracted from CFD simulations are the
WSS-based indices, such as the TAWSS and the OSI (Cheng et al., 2010).
The TAWSS distributions obtained with the FSI, MBM and rigid wall models
are shown in Figure 3.11. The simulations predict qualitatively similar distributions characterised by areas of elevated TAWSS in the upper branches
(i.e. BT and LCC) and in the distal TL, and very low TAWSS values in the
proximal and distal regions of the FL. The maximum TAWSS value in the
distal TL predicted by the MBM method is 23% lower compared to that predicted by the FSI simulation. This difference is attributed to the geometric
approximation of the IF as a zero-thickness membrane in the MBM model,
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which results in a larger TL cross-sectional area (up to +16% in the locations
where the TL section is smallest) compared to the FSI model. In contrast, the
rigid model overestimates the TAWSS in the TL by around 20% compared to
the FSI simulation. Although the TAWSS magnitude differences between the
MBM and FSI models are up to about 20% in this case, this might nevertheless be within the bounds of the ability to interpret the results in a clinical
setting. It is also likely that any changes to the TAWSS distribution due to,
for example, simulated interventions, would be equally well-predicted by all
three approaches.
The OSI distributions obtained with the three simulation approaches are
reported in Figure 3.12. The OSI varies considerably throughout the domain
except for the proximal and distal parts of the FL, where the MBM and FSI
models predict consistently high values. On the other hand, the rigid model
predicts significantly lower OSI in these regions (about -0.15 in absolute values). This should be expected as the motion of the wall (both in the FSI
and MBM models) highly affects the flow in the closed-end parts of the FL,
where the alternate expansion and contraction of the vessel due to pressure
fluctuations enhances the oscillatory nature of the flow. Accurate assessment
of WSS-based indices in these regions of the FL can have important prognostic
value for FL evolution. For example, as recently reported by Xu et al. (2017),
the short-term variation of the RRT, which is based on TAWSS and OSI, might
be related to the post-TEVAR long-term FL remodelling. Xu et al. (2018) also
found a clear correlation between high values of RRT and shrinkage of the FL.

3.4

Discussion

Previous studies have shown that aortic wall compliance and IF motion can
significantly affect the haemodynamics of AD (Alimohammadi et al., 2015;
Rudenick et al., 2015). However, dealing with moving walls in personalised
AD simulations can be challenging; the mechanical properties of the dissected
vessel for the specific patient are unknown, moreover full-FSI models are dif-
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Figure 3.11: Time-averaged wall shear stress (TAWSS) color maps obtained with
the FSI (a), MBM (b), and Rigid (c) models.

ficult to setup and demand significant computational effort to be resolved.
Thus, it is not surprising that there are only a handful of studies on AD accounting for wall motion in the literature (Alimohammadi et al., 2015; Qiao
et al., 2019).
Two key objectives of patient-specific modelling and simulation for clinical
support are (i) to be informed by patient-specific data obtainable in a clinical
scenario via non-invasive techniques and (ii) to perform detailed computations
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Figure 3.12: Oscillatory shear index (OSI) color maps obtained with the FSI (a),
MBM (b), and Rigid (c) models.

in clinically-meaningful timescales for individual analysis and potential predictions.
The MBM proposed in this chapter aims at addressing these objectives by
implementing a simplified and computationally efficient approach to account
for wall motion in CFD simulations that can be informed by imaging data.
The purpose of this method is not to study in detail the deformations
and stresses exerted upon the vessel tissue, as done by full-FSI techniques, but
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to take into account the effects that the motion of the vessel exerts on the
fluid dynamics. These effects usually include a relevant time-shift of the blood
flow and pressure waves between the inlet and outlet of the vessel, a reduction
of peak flow-rates and pressures, and a non-zero net flow in the closed-end
parts of the vessel lumina that affects clinically relevant WSS-indices. While
traditional rigid-wall simulations fail to capture these effects, MBM was shown
to reproduce motion-induced phenomena equally well to FSI simulations.
A comparison between the computational requirements of the MBM, FSI
and rigid-wall simulation approaches is given in Table 3.3. While the rigid
model simulations are significantly faster than the moving-wall ones, the MBM
simulation takes only half of the time required for the full FSI analysis. This
is because the MBM does not require an FE solver for the description of the
vessel structure.
Table 3.3: Computational cost of the different approaches.
Method

Mesh: # elements (# nodes)

Simulation time*

FSI

Fluid: 530,077 (184,950)
Solid: 145,588 (254.022)

32 h/cycle

MBM

Fluid: 483,126 (217,512)

16 h/cycle

Rigid

Fluid: 459,035 (193,394)

2 h/cycle

*Simulations run on a workstation Intel Xeon E5-2630 v3, 32 GB RAM.

A limitation of the proposed method derives from the approximation of
the IF as a zero-thickness membrane. This geometric approximation leads to
an error in the lumina’s cross-section area, which can affect the computed fluid
dynamic variables (e.g. TAWSS) as discussed in the results section. Moreover,
the assumption of a circular cross-section used to estimate the vessel distensibility could be critical when the cross-section of the dissected aorta largely
deviates from the physiological shape. Due to the high complexity and heterogeneity of ADs, careful consideration needs to be given to each case, and it
is up to the modeller to assess if these approximations are appropriate for the
specific case under analysis.

165

3. A Simplified Method to Account for Wall Motion in Blood Flow
Simulations: the Moving Boundary Method
The MBM implements a linear, elastic relationship between wall displacement and fluid forces. Although it is well known that the stress-strain relationship of the vessel wall is nonlinear in general, this simplified assumption was
considered reasonable for this analysis on the basis of the following grounds:
firstly, experimental evidence suggests that the assumption of a linear constitutive relation for the arterial wall is justified in the range of physiological
pressures (Zhou and Fung, 1997); secondly, the limited availability of data on
the viscoelastic properties of the arterial wall in the literature (Reymond et al.,
2009) and its alterations in disease, implies that using more advanced constitutive relationships would introduce additional complexity and uncertainties
on the model parameters.
As discussed in the paper by Alimohammadi et al. (2015), the displacements obtained for this case study are comparable to those reported in clinical
imaging studies (Karmonik et al., 2012a; Ganten et al., 2009). However, in
some acute settings, abnormal motion of the IF leading to the obstruction of
distal aortic branches and TL collapse can be observed (Yang et al., 2014).
The upper limit of displacement magnitude that can be resolved by FSI computational methods with deforming mesh, such as the MBM, is dictated by the
deformation of the mesh elements. Large deformations could lead to poor mesh
quality and negative-volume elements, causing the solver to crash. In these
cases, the use of automatic re-meshing techniques could be a viable solution
(ANSYS Inc., 2016a).

3.5

Conclusions

This chapter proposed a valid and computationally efficient (compared to FSI)
method to account for wall motion in CFD simulations of AD. The method
was demonstrated through a case-study previously analysed by FSI techniques,
and was shown to be successfully able to capture the effects of wall motion on
haemodynamics, closely matching FSI simulations. Compared to FSI, the
MBM method has the advantage to be less computationally expensive and
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easier to implement, which are critical features in the context of clinical use.
Moreover, it can be easily tuned with patient-specific vessel motion data obtained non-invasively in the clinic (e.g. via 2D PC-MRI) allowing the estimation of the wall stiffness in different regions of the vessel, thus reducing possible
errors introduced by using constitutive models with parameters taken from the
literature. Since the wall motion is not imposed, but rather modelled via simple
linear equations relating the fluid forces to the displacement of the boundaries,
the model can be used to simulate different haemodynamic conditions once the
parameters have been tuned, for instance, allowing the evaluation of possible
treatment strategies. In conclusion, this study demonstrates that the MBM is
a promising simplified alternative to the more complex and computationally
expensive traditional FSI approaches.
It should be emphasised that in this study the MBM was tuned using the
displacements obtained by an FSI simulation as input, with the purpose of
comparing the two methods and validating the proposed approach. However,
the MBM can be applied in a clinical setting using imaging data as input, e.g.
cine-MRI, as it will be demonstrated in the following chapter.
Following this, in Chapter 4 a patient-specific AD model featuring a compliant wall - implemented with the MBM presented in this chapter - and
personalised dynamic BCs is presented. The model is informed by a rich
non-invasive dataset from different modalities, including 2D PC-MRI, 2D cine
MRI and CT scans.
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Chapter 4

A patient-specific compliant
model based on multi-modal
imaging data†
4.1

Introduction

The study presented in this chapter describes the implementation of a novel
framework for patient-specific simulations, combining compliant AD models
and personalised dynamic boundary conditions. The rigid wall assumption is
addressed using the MBM developed in Chapter 3, demonstrating that the
method can be applied to more complex applications and informed by noninvasive in vivo clinical data. Moreover, simulation results are validated against
a rich clinical dataset which includes multiple imaging modalities such as 2D
PC-MRI, 2D cine MRI and CT scans.

† The

work presented in this chapter was published in Bonfanti et al. (2017), ‘Computational tools for clinical support: a multi-scale compliant model for haemodynamic simulations in aortic dissection based on multi-modal imaging data’, Journal of The Royal Society
Interface, 14, 20170632.

4. A patient-specific compliant model based on multi-modal
imaging data

4.2
4.2.1

Materials and methods
Patient information

The present study is based on a patient-specific dataset of a 77-year-old male
subject with 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 the appropriate consent was obtained from the patient.
4.2.1.1

CT scans and image segmentation

The entire aorta was imaged with a 16 slice CT scanner (Sensation 16; Siemens
AG, Münich, Germany; 120 kV, 380 mA·s, rotation time: 0.5 s, Field Of View
(FOV): 284 mm, slice thickness: 1 mm, reconstruction kernel: B20F, contrast
agent: Ultravist 300; Bayer AG, Leverkusen, Germany) obtaining 946 slices
with an in-plane resolution of 0.55 mm and an inter-slice distance of 0.7 mm
(Figure 4.1a).
The dissection originates approximately 40 mm distal to the LSA, extends
throughout the length of the descending aorta, and terminates about 10 mm
distal to the CT. The AD is characterised by a flat shaped IF, mainly on
the right side of the aorta, and one entry-tear (area ≈ 18.5 mm2 ) located
approximately 10 mm distal to the proximal end of the dissection; no other
communication between the TL and the FL was evident from the CT data,
and confirmed by a reduced flow in the FL observed in the PC-MRI data.
The geometry of the dissected aorta was extracted from the CT data
using semi-automated segmentation tools based on thresholding, implemented
in ScanIP (Synopsys, Inc., USA) as described in Section 2.2.2. Smoothing
operations were used on the resulting mask in order to reduce artefacts due to
pixellation. The location of the IF separating the FL from the TL was identified
based on the difference in the grayscale values of the two lumina; however, it
was difficult to clearly resolve its thickness from the CT images. Thus, the
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Figure 4.1: (a) Rendering of the CT data showing the dissected aorta. (b) 3D
model of the dissected aorta extracted from CT data. (c) Flow rate curves at
different locations extracted from 2D PC-MRI data: A: ascending aorta, B: Right
Common Carotid (RCC) and Left Common Carotid (LCC) arteries, C: Aortic arch,
distally to the left subclavian artery, D,E: flow rate in the TL of the dissected
aorta at two sections along the descending aorta, respectively above and below the
diaphragm, F: Abdominal aorta, proximally to the iliac bifurcation.

IF was approximated as a zero-thickness surface for modelling purposes. The
aortic branches were cropped within ANSYS Workbench perpendicularly to the
longitudinal axis of the vessels in order to provide a flat surface at the model
boundaries. The resulting geometry is shown in Figure 4.1b, and represents
the dissected aorta from just distal to the sinotubular junction of the aortic
root, to AbAo just proximal to the iliac bifurcation. The supra-aortic branches
(LSA, RSA, LCC and RCC) and the main visceral branches (CT, SMA, LRA
and RRA) are included.
4.2.1.2

MRI data

High spatial and temporal resolution ECG gated cine-imaging sequences (2D
cine-MRI; slice thickness: 10 mm, TR: 3.1 ms, TE: 1.5 ms, FOV: 375 mm,
in-plane resolution: 1.1 mm, temporal resolution: 40 phases/cardiac cycle,
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SSFP Steady-State Free Precession) were acquired with an Ingenia 1.5T MRI
scanner (Philips Healthcare, Amsterdam, The Netherlands) at several sections
perpendicular to the aorta (i.e. planes A, C, E and F indicated in Figure
4.1b). Additional slices in the coronal plane were acquired at the level of the
abdominal aorta in order to detect the motion of the IF in the distal part of
the dissection.
The cross-sectional area of the aortic lumen was quantified from 2D
cine-MRI sequences using thresholding algorithms available in ImageJ (NIH,
Bethesda, MD, USA). The maximum cross-sectional area variation ∆A%,max
was evaluated as follows:

∆A%,max =

Amax − A0
A0

· 100%

(4.1)

where Amax and A0 are the maximum and minimum cross-sectional area at
various locations of the aortic lumen during the cardiac cycle. Estimated values
are reported in Table 4.1.
Table 4.1: Maximum cross-sectional area variation extracted from 2D cine-MRI at
different locations along the aorta. The position of the planes is reported in Figure
4.1b.
Location

Section plane

∆A%,max [%]

Ascending aorta

A

11.0

Aortic arch

C

5.8

Descending aorta

E

4.2

Abdominal aorta

F

16.6

Through-plane phase-contrast velocity mapping images (2D PC-MRI)
were acquired at the cross-sectional planes A-F shown in Figure 4.1b (slice
thickness: 6 mm, TR: 17 ms, TE: 1.9 ms, FOV: 400 mm, in-plane resolution: 1.56 mm, temporal resolution: 40 phases/cardiac cycle, velocity encoding
(VENC): 200 cm/s).
Flow information was extracted from the PC-MRI sequences using the
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flow visualisation software GT Flow (GyroTools LCC, Zürich, Switzerland).
The segmentation of the lumina of interest was performed manually and it
was updated, if required, at different instants of the cardiac cycle in order
to account for vessel deformation and/or rigid motion. The flow rate curves
measured at the selected sections are reported in Figure 4.1c. Flow curves A
and B were used as BCs whereas C - F were used for validation purposes. The
HR and the SV were equal to 75 bpm and 107.6 ml, respectively, corresponding
to a CO of 8.1 L/min.

4.2.2

Computational simulation set up

4.2.2.1

Flow model and boundary conditions

The NS and continuity equations for 3D time-dependent flows were solved with
ANSYS-CFX. The blood was modelled as an incompressible fluid with density
of 1056 kg/m3 and non-Newtonian viscosity described by the Carreau-Yasuda
model with parameters taken from Gijsen et al. (1999).
The BCs applied to the 3D-fluid domain boundaries are shown schematically in Figure 4.2a. In particular, uniform velocity profiles were prescribed
at the inlet, LCC and RCC boundaries based on the patient-specific flow rate
waveforms obtained from the PC-MRI data (i.e. QIN (t), QLCC (t), QRCC (t),
respectively, Figure 4.1c).
The mean Reynolds and Womersley numbers (Equations 2.5 and 2.7) were
equal to 554 and 14, respectively. The peak Reynolds number was 2074 which
is below the critical Reynolds number (Recr =3592) for transition to turbulence
estimated based on Peacock et al. (1998) and Stalder et al. (2011) (Equation
2.8), therefore the blood flow was considered laminar.
The remaining outlets of the 3D model were coupled to WK3 models
(Figure 4.2a), which were implemented in CFX as described in Section 2.2.4.4
via Equation 2.17. WK3 parameters were tuned as described in Section 4.2.2.2
below. Dynamic BCs rather than the flow curve obtained from PC-MRI were
applied to the AbAo in order to better describe wave propagation. A no-slip
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Figure 4.2: (a) Schematic of the CFD model and its boundary conditions. The
colour-map shows the area compliance of the aorta (CA = ∆A/∆P ) estimated from
the available patient-specific 2D cine-MRI data. (b) Schematic of the 0D model used
within the tuning procedure. LR indicates the elementary building-block, composed
by an inertance (L) and a resistance (R) (see inset), representing a vessel segment:
LR1: ascending aorta and arch, LR2: brachiocephalic trunk, LR3: right subclavian
artery, LR4: right common carotid, LR5: left common carotid, LR6: right subclavian artery, LR7: descending aorta, LR8: celiac trunk, LR9: superior mesenteric
artery, LR10: right renal artery, LR11: left renal artery, LR12: abdominal aorta.
(c) Flowchart of the procedure adopted to tune the parameters of the compliant
CFD model.

condition was applied at the model walls.
The IF was assumed to be rigid, while the external aortic wall was allowed
to expand and contract with pressure fluctuations in order to account for the
compliance of the aorta via the MBM presented in Chapter 3. In this study,
the parameter KiW , which represents the stiffness of the aortic wall (Equation
3.1) and is related to the vessel distensibility D (Equation 3.2), was assigned
to the model based on patient-specific vessel wall deformation data extracted
from 2D cine-MRI, as described in the following section.
Numerical discretisation and solver settings were the same as those re-
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ported in Section 2.2.4.4.
4.2.2.2

Model tuning based on patient-specific data

The parameters of the computational model were tuned in order to correctly
represent the physiological condition of the simulated patient. In particular,
WK3 parameters were specified to characterise the peripheral circulation, while
parameter KiW was estimated in order to mimic the compliance of the 3D aortic
model.
The aim of the tuning procedure was to obtain physiological values for
the mean-flow rate at the outlets (Q̄i ), and target systolic (P̂sys ) and diastolic
(P̂dia ) blood pressures at the model inlet. Patient-specific non-invasive brachial
blood pressure measurements (P̂sys = 150 mmHg and P̂dia = 80 mmHg) were
used as target pressure values.
Target values for Q̄i were defined based on available patient-specific PCMRI and literature data, as summarised in Table 4.2.
Table 4.2: Mean blood flow at the aortic branches used for tuning the Windkessel
parameters.
Location

Q̄ [ml/s]

Source/Expression

Ref.

Inlet

134.5

2D PC-MRI

n/a

RCC

12.7

2D PC-MRI

n/a

LCC

8.9

2D PC-MRI

n/a

RSA/LSA

9.8

0.5 · (Q̄IN − Q̄RCC − Q̄LCC − Q̄Desc )

n/a

CT

20.7

0.330 · (Q̄Desc − Q̄AbAo )a

(Les et al., 2010)

SMA

14.0

0.223 · (Q̄Desc − Q̄AbAo )a

(Les et al., 2010)

RRA/LRA

14.0

0.223 · (Q̄Desc − Q̄AbAo )a

(Les et al., 2010)

AbAo

30.5

2D PC-MRI

n/a

a

Q̄Desc = 93.3 ml/s, mean flow at the descending aorta obtained from 2D PC-MRI data
(Plane E in Figure 4.1).

The workflow illustrated in Figure 4.2c was followed, as described below. Most of the steps are similar to the ones described in Chapter 2 (Section 2.2.4.3), however the procedure was adapted to the modelling framework
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presented in this chapter and to allow the estimation of the spatial-varying
distensibility of the aortic wall from patient-specific cine-MRI data in order to
set the parameters of the MBM.
1. As a preliminary step, a 0D reduced-order analogue of the CFD model
was implemented (Figure 4.2b). The 3D aorta, considered as rigid at
this stage, was divided into segments modelled as 0D building blocks
made by an inertance (L) and a resistance (R) to account for inertial
and viscous effects, respectively. The values of L and R were estimated
as described in Section 2.2.4.3 - Step 1.
2. A WK3 analogue of the entire vascular system was used to determine the
total arterial compliance Ctot , following the method described in Section
2.2.4.3 - Step 2. Ctot was found to be equal to 0.99 ml/mmHg.
3. The 0D model was employed to tune the parameters R1,i , R2,i and Ci
for each WK3 i coupled to the 3D rigid aorta. The compliance Ci was
calculated by distributing Ctot among each WK3 i proportionally to Q̄i .
The ratio R1 -to-Rtot was set as described in Section 2.2.4.3 - Step 4, and
Rtot,i was calculated as the ratio between P̄i and Q̄i , where P̄i is the
time-average pressured at WK3 i obtained with the 0D model. Rtot,i was
adjusted to obtain the target flow distribution. The differential equations
describing the 0D model were solved numerically with a backward differentiation scheme using the software 20-sim (Controllab Products B.V.,
Enschede, The Netherlands).
4. A CFD simulation of the rigid 3D aorta coupled to the 0D WK3 models was run with WK3 parameters from Step 3. The systolic-diastolic
pressure variation (∆P) extracted from the CFD simulation was used to
estimate the distensibility D [Pa−1 ] of the aortic segments together with
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the ∆A%,max values extracted from cine-MRI as follows:

D=

∆A%,max
∆P

(4.2)

Since ∆A%,max was not available for the aortic branches, the distensibility of these vessels was calculated using the following expression
(Bramwell and Hill, 1922):
D=

1
ρ·PWV 2

(4.3)

where ρ [kg m−3 ] is the density of the fluid and PWV [m s−1 ] is the pressure wave velocity, evaluated with the empirical relationship proposed
by Reymond et al. (2009):
a
PWV =

db

(4.4)

where a and b are coefficients equal to 13.3 and 0.3, respectively, and d
[mm] is the vessel diameter. The parameter KiW was calculated via Equation 3.2 and assigned to the aortic wall nodes following the procedure described in Section 3.2.3.2. Finally, the compliance of the 3D aortic model
(i.e. Caorta ) was calculated by integrating the vessel area-compliance CA
along the vessel length. CA [m2 Pa−1 ] is defined as CA = D · A0 with A0
the local vessel cross-sectional area; a colour-map of CA of the aorta is
shown in 4.2a. Caorta resulted equal to 0.41 ml/mmHg.
5. The parameters of the WK3 models coupled to the compliant aorta
needed to be re-tuned to obtain physiological pressure and flow waveforms. In particular, only the compliance attributed to the peripheral
circulation CW K3s (= Ctot − Caorta ) was distributed among the WK3
models. Moreover, although Rtot,i was kept equal to the one estimated
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at Step 2 for each WK3 i, R1,i was set equal to ρ · P W V /A0 (i.e. the
characteristic impedance of the coupled 3D vessel) in order to reduce
the impedance mismatch between the 3D compliant model and the 0D
WK3, and thus to minimise the intensity of the non-physiological waves
reflected by the Windkessel models (Reymond et al., 2009; Alastruey
et al., 2008). The WK3 parameters of the compliant CFD model are
listed in Table 4.3.
Table 4.3: RCR parameters used for the Windkessel models coupled to the 3D
compliant model following the tuning procedure.
Outlet

R1 [mmHg s ml−1 ]

R2 [mmHg s ml−1 ]

C [ml mmHg−1 ]

RSA

1.660

9.977

0.051

LSA

1.518

10.110

0.051

CT

1.588

3.858

0.107

SMA

1.488

6.604

0.072

RRA

2.947

5.102

0.072

LRA

2.162

5.919

0.072

AbAo

0.115

3.608

0.157

4.2.2.3

Numerical simulations and post-processing

Simulations were run until reaching a periodic state which was achieved within
3 cardiac cycles following initialisation; the last cycle was used for the analysis
of results. Post-processing was performed using CFD-Post (ANSYS Inc.) and
MATLAB (Mathworks, MA, USA).
4.2.2.4

Mesh

The extracted AD geometry (Figure 4.1) was discretised with ICEM-CFD
(ANSYS Inc.), adopting a tetrahedral mesh in the core region and 7 prism
layers at the walls (external aortic wall and IF sides). The resulting mesh
consisted of about 506,000 elements, comparable to the grids used in other
CFD studies of the aorta (Alimohammadi et al., 2014a,0).
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In order to select the computational grid, a preliminary meshindependence study was carried out using the rigid model on two additional
grids, with 267,000 and 1,045,000 elements. Comparison between pressure and
flow waves obtained at the outlets with the three meshes (coarse, medium and
fine) showed a maximum difference of 4.8% and 2.5% for flow and pressure,
respectively, between the coarse and medium mesh, and only 1.1% and 0.7%
when comparing the medium and fine mesh. Thus, the medium mesh was
deemed good enough for simulation purposes.
The effect of the mesh on the results was further analysed for the compliant
model on the coarse and medium grids. A maximum difference of 1.9% and
1.3% in predicted flow and pressure waves was found, respectively. The TAWSS
and OSI distributions obtained over the aortic wall compared well qualitatively
(Appendix D). The difference between mean and peak TAWSS and OSI values
was quantified over selected regions of interests (i.e. areas around the entrytear and FL wall, as shown in Figures D.1 and D.2); maximum differences of
7.6% and 5.8% for peak and mean TAWSS, respectively, and 6.0% and 10.2%
for peak and mean OSI were found (Table D.1). These differences give an
upper bound to the errors introduced by using a medium, rather than a fine
mesh in the model.

4.3
4.3.1

Results
Flow rate and pressure waveforms

Comparisons between the target systolic/diastolic pressure and mean flow values and simulation results are shown in Figure 4.3 in the form of histograms.
A good agreement can be noted between the two datasets, with a maximum
difference of 1.8%. The flow rate and pressure waveforms obtained with the
compliant model at the inlet and selected outlets of the AD are shown in Figure 4.3. The pressure waveforms from the aortic root (Inlet) to the periphery
(AbAo), exhibit the typical physiological features, such as the peripheral am-
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plification of systolic and pulse pressures, and an increase in the wave-foot
time delay (i.e. point of lowest pressure) (Hope et al., 2005).

Figure 4.3: (a,b,d,e) Flow (Q) and pressure (P) waves obtained with CFD simulation at the inlet and selected outlets (c) of the compliant model. P is calculated as
the average pressure over the boundary area. (f) Comparison between the flow and
pressure target values used for the tuning of the Windkessel parameters and CFD
results. The relative percentage difference between CFD results and target values
are reported in the figure, showing a good agreement.

The PWV in the aorta was evaluated using the foot-to-foot method and
was found to be equal to 9.21 m/s (Westerhof et al., 2010), which is in agreement with the values reported by Taviani et al. (2011) for elderly people (i.e.
60-80 years).
The flow remained anterograde (i.e. with no backflow) in the renal arteries
during the whole cardiac cycle, in agreement with literature (Bax et al., 2005),
whereas a slight retrograde flow occurred at the level of the abdominal aorta
at early diastole.
These results suggest that the finely tuned compliant model coupled to
the WK3 models can correctly represent the effects of wave propagation along
the vessel.
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4.3.2

Aortic dissection haemodynamics

Flow characteristics at peak systole (i.e. time instance of maximum flow at the
inlet, t=0.12 s) are illustrated in Figures 4.4a,b. Figure 4.4a shows the velocity
field magnitude in the 3D domain. High blood velocities (greater than 1.0 m/s)
can be seen in the TL, where the presence of the dissection causes a reduction
in cross-sectional area, and in the celiac trunk and renal arteries, due to the
small lumen cross-sectional area and high blood flow demand. The velocities
in the FL are low in the medial and distal regions (< 0.05 m/s), due to the
absence of secondary communication between the TL and the FL. Nonetheless,
a region of high blood velocity in the proximal part of the FL can be observed;
during systole, a net blood flow is drawn through the small entry-tear into the
FL due to the pressure gradient between the TL and the FL (Figure 4.4b) and
the dilation of the vessel caused by the increasing pressure.
At peak systole, the flow is well organised throughout the flow domain

Figure 4.4: (a) Velocity magnitude at peak systole (t=0.12 s) - inset box: streamlines passing through the entry tear at peak systole showing the blood flowing into
the FL. (b) Colour-map of the pressure at peak systole in the ascending aorta and
aortic arch. An area of increased pressure can be noted in the proximal FL where
the blood flow impinges on the vessel wall. (c) Colour-map of the time-averaged
wall shear stress (TAWSS). (d) Colour-map of the oscillatory shear index (OSI).
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apart from the proximal part of the FL where a high velocity jet-like flow,
rolling up to form a vortex, is observed (Figure 4.4a).
The blood flowing through the entry tear impinges on the vessel wall
of the FL causing a localised increase of pressure (Figure 4.4b) which could
potentially lead to further enlargement of the already structurally compromised
FL wall.
TAWSS and OSI distributions are shown in Figures 4.4c-d. High TAWSS
values (greater than 5 Pa) can be observed in the region around the entry-tear
resulting from the high velocity flow structures described previously, as well
as in the renal arteries and celiac trunk due to the high flow rate distributed
through these branches. Very low TAWSS values can be seen in the medial
and distal part of the FL due to the almost stagnant flow occurring in this
region.
Regions of moderate values of OSI can be observed throughout the aorta;
although the flow is well-organised in systole, it is highly disordered in diastole.
The OSI values in the aortic branches are low because the blood flow in these
vessels is anterograde throughout the cardiac cycle. On the contrary, very
high OSI values are reported in the distal part of the FL due to the biphasic
nature of the flow wave in this region caused by the alternating expansion and
contraction of the FL during systole and diastole, respectively.

4.3.3

Comparison between computational results and in
vivo data

4.3.3.1

Flow rates in the dissected aorta

Figure 4.5 compares the predicted blood flow rates with those measured with
PC-MRI at four different locations: the arch (distally to the LSA), two sections
of the TL in the descending aorta, and the abdominal aorta. The MRI based
mean flow rates are equal to 80.2, 87.9, 92.9 and 30.5 ml/s for the four locations
shown respectively, while the CFD simulation predicts a uniform mean flow
rate of 92.3 ml/s, in the first three sections, and 30.5 ml/s at the AbAo. This
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results in a relative percentage difference between PC-MRI and CFD data of
15.1, 4.6, -0.5 and -0.8%, respectively. The high difference at the arch could be
explained by artefacts associated with the PC-MRI data; the imaging plane,
in this case, was located close to the branching point of the LCC, thus out-ofplane velocities could have affected the measurement and led to lower flow rate
values. The peak flow rates are slightly underestimated by the CFD model,
with a relative difference between the measured and computed flows of 0.1,
-15, -22 and -9%, respectively. These differences may be due to inaccuracies of
the PC-MRI data and to model approximations, as explained in the Discussion
section.
Overall, the predicted waveforms agree well with those measured in vivo,
showing a good synchronisation between the two waves in the first three locations, and a delay in the AbAo.
4.3.3.2

Vessel wall displacement

The aortic wall dilates and contracts because of the blood pressure changes
during the cardiac cycle. At peak systole (t=0.12 s), the maximum displacement relative to the undeformed (i.e. diastolic) configuration predicted by the
computational model is localised in the ascending aorta, and is equal to about
0.8 mm. Subsequently, the pressure peak reaches the AbAo at t=0.23 s, where
the vessel expands with a maximum displacement of 1.23 mm, as can be seen
in Figure 4.6a.
The computed maximum percentage cross-sectional area variation
(∆A∗max ) is equal to 10.7 and 17.2% at the ascending and abdominal aorta,
respectively, in agreement with the values extracted from 2D cine-MRI data
(11.0 and 16.6% respectively; Figure 4.6b). Moreover, the predicted crosssectional area variation (∆A% ) over the cardiac cycle is in good qualitative
agreement with the measured one, suggesting that the proposed MBM can
reliably reproduce the vessel expansion due to pressure changes during the
cardiac cycle.
The measured ∆A% -waveform at the ascending aorta presents a peak at
183

4. A patient-specific compliant model based on multi-modal
imaging data

Figure 4.5: Comparison between computed (solid line) and measured (dashed line)
flow rates at different locations along the dissected aorta, indicated in the schematic
on the left.

early diastole which is absent in the computed one; this may be due to the
dicrotic wave, which is not completely resolved by the simulation. The dicrotic
notch in the pressure wave is caused by the abrupt change of blood flow rate
(i.e. dQ/dt) due to the closure of the aortic valve. However, the flow rate
curve applied at the inlet of the CFD model was extracted from the PC-MRI
data and is potentially subject to measurement inaccuracies, failing to capture
such rapid change and hence to reproduce the dicrotic wave in simulations.
4.3.3.3

TL-FL pressure difference and intimal flap displacement

Pressure differences between TL and FL can provide insight into the actual
state and probable progression of the dissection but cannot usually be assessed
in the clinic. For instance, high pressure in the FL can lead to further expan-
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Figure 4.6: (a) Displacement of the vessel wall predicted by the computational
model at peak systole (t=0.12 s), systolic deceleration phase (t=0.23 s), and enddiastole (t=0.78 s). (b) Percentage cross-section area variation (∆A% ) during a
cardiac cycle at the level of the ascending and abdominal aorta: comparison between
CFD results and 2D cine MRI measurements. ∆A% = (A − A0 )/A0 , where A is the
cross-section area of the vessel lumen and A0 is the lowest cross-section area of the
vessel lumen throughout a cardiac cycle.

sion, or even rupture of the FL, whilst causing a narrowing of the TL (Doyle
and Norman, 2016). Simulated pressure distributions at peak systole (Figure
4.7a) show higher pressure in the TL compared to the FL.
The pressure distribution in the simulated aorta at peak systole is shown
in Figure 4.7a, where it can be noted that the pressure in the TL is higher than
in FL. The temporal variation of the transmural pressure (TMP) across the IF
(TMP = PT L -PF L , where PT L and PF L represent the pressure averaged over
a cross-section of the TL and FL, respectively) at the proximal and distal level
of the IF is shown in Figure 4.7b. The TMP curves are compared with cineMRI sequences taken at the same locations, showing the displacement of the IF
during the cardiac cycle. It can be noted that the TMP is positive (i.e. pressure
higher in the TL) during most of the systole phase at both locations, reaching
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a maximum value of about 30 mmHg, with the distal TMP curve delayed
with respect to the proximal one. On the contrary, negative TMP values (i.e.
pressure higher in the FL) are found throughout the diastolic phase with a
minimum value of about -10 mmHg. Comparing the TMP curves with the
MRI sequences, shows that the direction of the IF displacement, driven by the
pressure difference on its sides, agrees well with the computed TMP: a positive
TMP corresponds to the motion of the IF through the FL, and viceversa. This
finding demonstrates the reliability of the predicted pressure field and provides
further validation of the computational methodology presented herein.

Figure 4.7: (a) Pressure colour-map at peak systole (t=0.12 s). (b) Comparison
between the transmural pressure (TMP) across the intimal flap (IF) obtained with
the CFD compliant model during a cardiac cycle and the displacement of the intimal
flap observed from 2D cine-MRI data at different time instances. The direction of the
IF displacement agrees well with the sign of the TMP: a positive TMP corresponds
to the IF motion through the FL, whereas a negative one relates to opposite motion.
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4.3.4

Comparison between rigid and compliant CFD
models

Figure 4.8 compares the flow rate and pressure waves between rigid and compliant models at a medial section of the dissection. It should be noted that
even though the pressure values obtained by both models are of the same order of magnitude, the relative pressure in the two lumina follows an opposite
trend: the compliant model predicts higher pressures during systole and lower
pressures during diastole in the TL, compared to the pressure in the FL, while
the opposite is found with rigid model simulations. This demonstrate the failure of the rigid model to accurately capture the pressure relationships between
TL and FL, unlike the compliant one which was shown to reproduce the clinical observations. Similar trends were observed in the haemodynamic results
obtained with an in vitro compliant model of a chronic type-B AD (Tsai et al.,
2008).
In addition, while the cardiac cycle mean flow rate (Q̄) is approximately
the same in both models, its distribution among the two cardiac phases differs:
the compliant model predicts a lower TL flow during systole, and a higher one
during diastole, compared to the rigid model. This is to be expected as the
compliance of the aorta enables the vessel to store blood during systole and
release it during diastole. Following this, 28 ml of blood are accumulated in
the compliant aorta during the systolic phase due to an increase of 68 mmHg
in the pressure averaged over the fluid domain (which is in agreement with
the aortic compliance of 0.41 ml/mmHg). Consequently, the peak flow rates
computed by the compliant model are less pronounced than the rigid model
ones. The net flow rate in the FL computed by the rigid model is equal to
zero throughout the cardiac cycle as expected. This is due to the absence of a
secondary tear in the IF, and the fluid incompressibility assumption combined
with the non-varying volume of the FL. On the other hand, the compliant
model predicts a small but non-negligible net flow in the FL resulting from
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Figure 4.8: Comparison between CFD results obtained with compliant and rigid
models. TL results are presented with blue solid lines, whereas FL results are shown
by dashed red lines. Pressure results correspond to averaged values calculated over
the cross-sections shown in the schematic on the left, whereas the flow rates to the
integral of the velocity over the same sections (a positive flow corresponds to fluid
moving towards the abdominal aorta). Q̄, Q̄sys and Q̄dia are the mean flow rates
calculated over the entire cardiac cycle, the systole and diastole phase, respectively.

the alternate dilation and contraction of the FL during systole and diastole,
respectively.
Predicted WSS distributions differ between the two models as a result of
the dissimilar haemodynamics; this is particularly true in the region around
the entry-tear, an area of particular importance for the progression of the
disease. Figure 4.9a shows the TAWSS distribution obtained with the rigid
model (TAWSSR ) and the relative difference with the one computed by the
compliant model (TAWSSC ). In the proximal part of the FL TAWSSR is
significantly lower than TAWSSC due to the absence of a net flow into the
FL in the rigid model. The OSI distributions obtained with the two models
(OSIR and OSIC for rigid and compliant, respectively) also differ considerably
(Figure 4.9b).
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Figure 4.9: Haemodynamic indices in the ascending aorta and aortic arch obtained with the rigid CFD model, and comparison with compliant model results.
(a) TAWSS values predicted with the rigid model and percentage difference relative
to the compliant model results, calculated as: Diff=(TAWSSR -TAWSSC )/(5 [Pa])
[%]. (b) OSI values obtained with the rigid model and percentage difference relative
to the compliant model results, calculated as: % Diff = (OSIR -OSIC )/ 0.5 [%].

4.4

Discussion

The present work represents a significant advance of the current state-of-theart in CFD simulations of AD for clinical support. The majority of computational studies in the literature are limited by simplified assumptions about the
treatment of BCs and wall motion.
In contrast, in this study, a patient-specific compliant CFD model of a
chronic type-B AD with tuned dynamic boundary conditions has been developed. A rich in vivo dataset comprising multiple non-invasive imaging
modalities was utilised to inform and validate the computational model. A
fast procedure for BCs tuning and a new efficient method to model the wall
motion has been proposed to tackle some of the aforementioned challenges.
The computational model was tuned using brachial blood pressure mea-
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surements and flow and displacement data obtained via MRI. The parameters
of the WK3 models coupled to rigid and compliant 3D models of the dissected
aorta were successfully set, and target values specified on mean flows at model
outlets and on blood pressure at the inlet were met. As part of the tuning
procedure, the aortic wall distensibility, and thus the aortic compliance, was
estimated indirectly from cross-sectional vessel area and pressure changes at
different sections along the aorta. At the level of the dissected descending
aorta, a distensibility of 0.42 · 10−5 Pa−1 was found, which is comparable with
the values reported by Ganten et al. (2009) for a cohort of patients with chronic
type-B AD. This value is significantly lower than that of healthy patients of
the same age (Ganten et al., 2007).
The proposed MBM, introduced in Chapter 3 and implemented here with
patient-specific data, allowed to capture the essential physics of arterial deformation and wave propagation phenomena, as shown by the comparison between computational and measured cross-sectional area variation during the
cardiac cycle. The compliant model simulation took 13 hours to complete one
cardiac cycle on a desktop computer (Intel Xeon E5, 8 cores, 32 GB RAM)
while the rigid model required 4 hours. Although the computational cost is
still higher when compared to rigid wall simulations, it is a significant improvement over full-FSI simulations. As an example, the computational time
reported in Chapter 3 for the FSI simulation of a type-B AD is of 32 h/cycle.
Comparison between computed and measured blood flows at different sections in the descending aorta showed good agreement; modelling the compliance of the aortic wall allowed amplitude and phase discrepancies between
measured and simulated waveforms observed in previous rigid AD studies
(Dillon-Murphy et al., 2016) to be reduced. Therefore, it is clear that introducing the compliance of the vessel wall in the CFD model allows a better
replication of the in vivo fluid dynamics situation, and represents an improvement of this approach compared to previous rigid AD models (Alimohammadi
et al., 2014a; Dillon-Murphy et al., 2016). It should be noted that there is still
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a difference between the CFD results and PC-MRI, which may be attributed
to factors related to the in vivo data, such as inaccuracies in the segmentation of the lumen contours on MRI images, noise and spatial resolution of
PC-MRI, and the model limitations discussed below. The under-estimation
of peak flow rates in the TL can affect the computed fluid-dynamic variables,
such as TAWSS and OSI, and potentially lead to an under-estimation of the
WSS in this region. However, the discrepancies found in the present study are
smaller than those reported in other fully rigid AD models, where differences
up to 56% (Dillon-Murphy et al., 2016) and 28% (Cheng et al., 2014a) at peak
flow rate were found.
The comparison between the compliant and rigid models demonstrate that
care should be taken when modelling AD haemodynamics using the rigid wall
approximation. For instance, the TMP between the two lumina predicted by a
rigid model does not agree with the MRI images. TMP is an important physiological variable that cannot be measured in vivo non-invasively and without
risk for the patient but can be predicted by the CFD simulations; hence accurate prediction is important in order to make use of this parameter in the
clinic. The compliant model predicted higher systolic pressure in the TL, and
higher diastolic pressure in the FL; these findings compare well with the experimental results obtained by Tsai et al. (2008) with a model of a chronic type-B
AD lacking a distal re-entry tear, similar to the one studied in this paper. The
higher diastolic FL pressure may lead to an increased aortic wall tension and
consequent risk of lumen expansion (Trimarchi et al., 2013).
Other useful markers that can be extracted from CFD simulations are the
WSS-based indices. WSS is thought to be important in the initiation phase of
AD, and also in the growth and enlargement of the FL (Alimohammadi et al.,
2014a; Gao et al., 2006; Wen et al., 2010). The high values of TAWSS found
by the compliant model in the region around the entry tear can be a predictor of further tear enlargement. In the context of aneurysms, an increasing
amount of evidence suggests that low TAWSS and high OSI trigger endothelial
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dysfunction, and can be correlated to high risk of aneurysm rupture, calcification, or wall thickening (Alimohammadi et al., 2016). In the present study,
the medial and distal parts of the FL exhibit low TAWSS and high OSI which
may indicate elevated risk.

4.4.1

Limitations

Due to the difficulties in acquiring in vivo haemodynamic data using noninvasive methods, some model parameters were specified using non-patientspecific information; these include the R1 -to-Rtot ratio used to calculate the
WK3 parameters coupled to the aortic rigid model, and the population-based
law (Equation 4.4) used to estimate the PWV in the aortic branches. Moreover,
the flow distribution among the abdominal branches was specified based on
data taken from the literature for healthy patients. Although this assumption
holds for the subject studied here, in which the visceral branches were not
involved in the dissection, it may not be valid in general. For AD cases in
which the flow into these arteries is expected to be impaired, it may be useful
to acquire additional flow data at the celiac and infrarenal regions to inform the
model. That been said, in this case, these assumptions allowed physiological
pressure and flow waves to be obtained, consistently with the available clinical
data.
This study assumes that the IF behaves like a rigid zero-thickness membrane separating the two lumina as the resolution of CT images did not allow
the IF thickness to be estimated with reasonable accuracy. The IF thickness
estimated from MRI slices was about 2 mm, which is small compared to the
diameter of the aorta (≈ 42 mm in the central region); hence the use of this
approximation was deemed appropriate. Moreover, the IF of chronic type-B
AD is expected to be stiff and not as compliant as in acute settings (Quint
et al., 2003); this was confirmed by the cine-MRI sequences showing relatively
small displacement of the IF; around 3 mm maximum displacement in the
proximal and distal parts, and <1 mm in the central segment of the flap. Due
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to this observation and the significant level of complexity of the model, the
rigid-IF approximation was deemed a good compromise, as then confirmed by
the favourable comparison obtained between the simulation results and the in
vivo data. However, in the regions where the IF displacement is at its maximum, the fluid flow could be affected by the flap motion, and the assumption
of a rigid and zero-thickness IF may contribute to the discrepancy observed
between the computed and measured peak flow rates at the locations where
the TL and FL co-exist.

4.5

Conclusions

This chapter presented a novel, patient-specific multi-scale modelling approach
coupled to personalised Windkessel BCs to study AD. The approach accounts
for wall compliance in a computationally efficient manner not explored hitherto. Simulation results were compared with patient-specific clinical data as
part of a rich dataset from multiple non-invasive imaging modalities, comprising haemodynamics and vessel motion data, and covering the entire extension
of the dissection. The good agreement achieved between simulations and the
in vivo data demonstrates that the proposed approach can successfully capture the haemodynamics in a chronic type-B AD and can potentially lead to
a powerful decision-making tool for the clinical management of AD.
The final chapter summarises the major findings of this thesis and provides
suggestions for future directions for the research.
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Conclusions and Future Work

T

he main aim of this thesis was to develop methods for patient-specific
blood flow simulations of type-B AD, in order to improve simulation’s

predictions and enable their translation as clinical-support tools. The main
contributions and findings of this research are summarised below.

5.1

Main contributions

• A framework for the implementation of personalised CFD models of complex type-B ADs informed by datasets that are commonly available in a
clinical settings and/or routinely acquired for AD monitoring has been
presented. Reliable intra-aortic pressures - a relevant information for
the clinical understanding of the disease that cannot be measured noninvasively - can be predicted by the simulations implemented through
the framework.
• A simplified moving-boundary method to account for the motion of the
IF and vessel wall compliance in type-B AD CFD simulations has been
proposed. The MBM model can be tuned using patient-specific vessel
displacement data obtainable from non-invasive clinical images (e.g. 2D
cine-MRI), and can account for the spatial-variability of the mechanical
properties of the aortic tissue. The proposed algorithm can capture the
main effects on the flow field due to the wall motion, in a more compu-
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tational efficient way than with traditional full-FSI techniques.
• A framework for the implementation of multi-branched, compliant models of type-B ADs featuring patient-specific BCs has been proposed. The
vessel wall motion is modelled via the MBM - tuned based on in vivo
displacement data obtained with 2D-cine MRI - and the Windkessel BCs
are calibrated using non-invasive haemodynamic data (i.e. brachial blood
pressure and PC-MRI). The validity of the approach has been proved
through an extensive comparison against patient-specific clinical data.

5.2

Summary of main findings

The framework described in Chapter 2 can be used for blood flow simulations
in AD cases when the available dataset to inform the model is minimal. This is
often the case in a clinical-scenario, where functional data such as PC-MRI (for
blood flow) or 2D cine-MRI (for vessel wall displacement) are rare. The framework relies on data that are commonly acquired during routine monitoring of
AD and are generally available in a clinical setting. In order to account for
aortic wall compliance and obtain physiological blood pressure predictions in a
rigid-wall model, a lumped capacitor was placed proximal to the inlet of the 3D
dissected aorta. WK3s were used as outflow BCs to simulate the vasculature
distal to the main aortic branches. An effective procedure for the calibration
of the model parameters was also proposed. The framework was tested on 3
complex cases of type-B AD, and the pressure predictions were quantitatively
compared against minimum and maximum pressure values measured in vivo
throughout the length of the dissections, in both lumina; the good agreement
achieved provided confidence that the proposed approach produces reliable
results.
The haemodynamic results provided information that could not be obtained non-invasively via imaging alone, such as intra-aortic pressures, flow
partition between the lumina and WSS-based indices. It was observed that
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small tears in the distal IF induce disturbed flow in both lumina, and oscillatory transmural pressures across the IF are often present in proximity to the
tears in the abdominal region, which could lead to dynamic obstruction of the
TL.
The proposed framework is a good compromise between complexity and
accuracy of CFD models when complete datasets that include vessel wall deformation data are missing, and when the complexity of the dissection morphology would make a moving-wall model intractable.
However, rigid-wall models are not suitable for clinically relevant predictions in AD settings in which the motion of the IF and vessel wall compliance
significantly affect the haemodynamics. This is the case of dissections characterised by significant IF motion and/or by a FL that has small or no re-entry
tears. In these cases, FSI would have been the preferred approach for accurate predictions, however the computational cost and complexity of traditional
full-FSI techniques may be prohibitive in the context of clinical application.
Moreover, traditional FSI models carry significant uncertainties regarding the
patient-specific material properties of the tissue. To address these shortcomings, a novel MBM for the implementation of moving-walls in AD CFD models
in a simplified and efficient way was introduced in Chapter 3. A procedure for
the tuning of the MBM model using displacement data - obtainable for example
via an MRI protocol - was proposed. As a proof-of-concept and for validation
purposes, the MBM was tested on an AD case-study previously analysed with
a full-FSI approach, and the results obtained with the two methodologies were
compared. The comparison proved that the MBM is able to capture the relevant effects of wall motion on the blood flow, closely matching FSI simulations.
Compared to FSI, the MBM method has the advantage to be less computationally expensive and easier to implement, which are critical constrains in the
context of clinical use.
In Chapter 4, the MBM was employed for the implementation of a complex, patient-specific, multi-branched and compliant model of a chronic type-B
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AD. The model parameters were successfully tuned with a procedure to represent the specific patient, using as input exclusively non-invasive clinically
available data. The geometry was extracted from CT scans, flow data from
2D PC-MRI were used to set the inflow BC and to tune the Windkessel outflow BCs, and vessel cross-sectional area deformations were obtained from 2D
cine-MRI sequences and used to estimate the aortic compliance. The CFD
results were compared against a rich in vivo dataset demonstrating the reliability of model predictions. Modelling the compliance of the aortic wall
allowed amplitude and phase discrepancies between measured and simulated
flow waveforms observed in previous rigid AD studies to be reduced. Moreover,
the limitations of rigid wall approaches were highlighted through a comparison
between compliant and rigid models. More specifically, using the specific case
under investigation as an exemplar, it was shown that a rigid model could not
correctly predict the pressure and flow in closed-end regions of the FL. Therefore, the rigid wall approximation requires careful consideration, in particular
in the context of clinical translation of simulation tools for AD.

5.3

Future work

The research undertaken in this thesis presented several advances to the current
state-of-the-art in patient-specific CFD modelling of type-B AD for clinicalsupport, providing methodologies that can facilitate the clinical translation of
such tools. A number of points have been identified as worthy of future work.
The rigorous validation of patient-specific type-B AD CFD models is challenging. A common practise is to use clinical data obtained from the patient
- and not employed for the implementation of the model - as a benchmark for
model predictions. However, clinical data are subject to noise, and the variability of patient’s haemodynamics between different data acquisitions represents
a source of error when comparing in silico results to in vivo measurements.
Pulsatile-flow mock circulatory systems able to replicate the patient-specific
haemodynamics by using 3D-printed replica (phantoms) of the dissected aor-
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5.3. Future work

tae, blood mimicking fluids and tunable Windkessel physical simulators, can
be used for the validation of CFD simulations. Highly-controllable in vitro
conditions and advanced experimental techniques, such as particle image velocimetry (PIV), can provide high-resolution haemodynamic data - not obtainable in an in vivo setting - that would allow a thorough validation of models
for patient-specific ADs.
The present study proposed methods to expedite the implementation and
reduce the computational cost of patient-specific CFD models, however the
reconstruction of the dissection’s geometry still represents a bottleneck in the
simulation pipeline. Automated algorithms able to robustly and accurately
extract the geometry of complex dissections from imaging data, and precisely
resolve the IF and its minor tears, would significantly speed up the process.
Advances in machine learning segmentation tools could greatly impact the
research in this field.
Finally, in order to prove the real value of patient-specific computational
models, longitudinal clinical trials with large number of patients, monitored
over long periods of time, are needed. Such studies can allow the establishment
of correlations between intra-aortic haemodynamics - obtainable via CFD and disease progression, and hence test the hypothesis that haemodynamics
markers can be strong indicators of late-term complications. Providing this
evidence would significantly impact the clinical management of type-B AD,
which would, in turn, significantly improve the care and outcome of patients
affected by this condition.
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Appendix A

Zero-dimensional models of
Chapter 2
This appendix provides the schemes and parameters of the 0D reduced-order
models used within the calibration procedure described in Chapter 2.

A. Zero-dimensional models of Chapter 2

Table A.1: Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 1, shown in Figure A.1.

Aortic segment

R [mmHg s ml−1 ] L [mmHg s2 ml−1 ]

AA
CT
FL1
FL2
LCC
LCI
LEI
LII
LRA
LS
RCI
REI
RII
RRA
RCC
RS
SMA
T1
T2
TL1
TL2

1.5·10−3
184·10−3
189·10−3
8.3·10−3
506.1·10−3
21·10−3
67·10−3
84·10−3
231·10−3
128·10−3
36·10−3
77·10−3
204·10−3
623·10−3
58·10−3
125·10−3
172·10−3
131·10−6
10.6·10−6
40·10−3
23.6·10−3
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703.4·10−6
8.928·10−3
6.187·10−3
6.438·10−3
37.86·10−3
4.9·10−3
11.75·10−3
13.56·10−3
11.79·10−3
13.97·10−3
11.34·10−3
16.82·10−3
17.7·10−3
17.43·10−3
4.635·10−3
12.83·10−3
11.75·10−3
n/a
n/a
10.55·10−3
12.89·10−3

Figure A.1: Scheme of the 0D model for Patient 1. The aortic segments and
outflow WK3 models are delimited by black and red rectangles, respectively. The
parameters of the aortic segments 0D-building-blocks are listed in Table A.1, while
the WK3 parameters are reported in Appendix B.
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A. Zero-dimensional models of Chapter 2

Table A.2: Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 2, shown in Figure A.2.

Aortic segment

R [mmHg s ml−1 ] L [mmHg s2 ml−1 ]

AA
BTFL
BTTL
CT
FL1
FL2
LCC
LCIFL
LCITL
LEI
LII
LRA
LS
RCIFL
RCITL
REI
RII
RRA
SMA
T1
T2
T3
TL1
TL3

1·10−3
20·10−3
17·10−3
19·10−3
116·10−3
470·10−6
33·10−3
1·10−3
11·10−3
254·10−3
368·10−3
165·10−3
9·10−3
1·10−3
220·10−3
166·10−3
1.118
137·10−3
17·10−3
1.37
45.2·10−3
1·10−3
231·10−3
100·10−3
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1.221·10−3
10.57·10−3
5.173·10−3
4.943·10−3
57.936·10−3
3.343·10−3
8.75·10−3
3.899·10−3
10.22·10−3
26.39·10−3
7.898·10−3
19.51·10−3
5.511·10−3
4.003·10−3
21.56·10−3
21.87·10−3
33.85·10−3
20.71·10−3
7.226·10−3
n/a
n/a
n/a
2.194·10−3
25.7·10−3

Figure A.2: Scheme of the 0D model for Patient 2. The aortic segments and
outflow WK3 models are delimited by black and red rectangles, respectively. The
parameters of the aortic segments 0D-building-blocks are listed in Table A.2, while
the WK3 parameters are reported in Appendix B.
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A. Zero-dimensional models of Chapter 2

Table A.3: Values of the resistances (R) and inertances (L) consituting the
building-blocks of the 0D model for Patient 3, shown in Figure A.3.

Aortic segment

R [mmHg s ml−1 ] L [mmHg s2 ml−1 ]

AA
BT
CT
FL1
FL2
FL3
LCC
LCI
LCIFL
LCITL
LEI
LII
LRA
LS
RCIFL
RCITL
REI
RII
RRA
SMA
T1
T2
TL1
TL2
TL3
TLDIST

100·10−6
4.6·10−3
28.2·10−3
2·10−3
400·10−6
2·10−3
69·10−3
5·10−3
n/a
882·10−3
50·10−3
112·10−3
46·10−3
39.2·10−3
32·10−3
137·10−3
36·10−3
107·10−3
89·10−3
44.6·10−3
1.6072·10−3
3·10−3
71.3·10−3
8·10−3
28.2·10−3
20·10−3

206

277.1·10−6
3.262·10−3
16.39·10−3
1.693·10−3
1.874·10−3
510.53·10−6
13.27·10−3
3.362·10−3
2.91·10−3
39.06·10−3
31.26·10−3
12.62·10−3
15.69·10−3
7.049·10−3
13.04·10−3
26.58·10−3
15.5·10−3
21.44·10−3
11.49·10−3
13.6·10−3
n/a
n/a
56.84·10−6
5.244·10−3
9.059·10−3
7.393·10−3

Figure A.3: Scheme of the 0D model for Patient 3. The aortic segments and
outflow WK3 models are delimited by black and red rectangles, respectively. The
parameters of the aortic segments 0D-building-blocks are listed in Table A.3, while
the WK3 parameters are reported in Appendix B.
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Appendix B

Calibration results for the
models in Chapter 2
This appendix provides the calibration results obtained by applying the parameter personalisation procedure of Chapter 2 to the three patients analysed.
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n/a

n/a

Diff.

n/a

CFD

Target

n/a

Diff.

n/a

CFD

n/a

0.1

Diff.

Target

8.0

8.1

Target

CFD

xRSA

0.0

7.1

7.1

-0.1

7.9

7.8

0.0

6.0

6.0

xLSA

n/a

n/a

n/a

n/a

n/a

n/a

0.1

10.0

10.1

xRCC

0.0

4.1

4.1

-0.1

3.8

3.7

0.1

6.0

6.1

xLCC

0.2

18.8

19.0

0.2

18.3

18.5

n/a

n/a

n/a

xBT

-0.2

16.4

16.2

-0.1

13.5

13.4

-0.5

20.0

19.5

xCT

-0.1

13.6

13.5

0.1

10.4

10.5

-0.2

15.0

14.8

xSM A

0.0

10.5

10.5

0.0

10.5

10.5

-0.1

10.5

10.4

xRRA

0.0

7.5

7.5

0.0

10.5

10.5

0.1

10.5

10.6

xLRA

0.0

7.7

7.7

0.0

8.8

8.8

0.1

5.0

5.1

xREI

xi is the mean flow split in %, Psys and Pdia are the inlet systolic and diastolic pressures in mmHg.
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Patient

0.1

7.7

7.8

0.0

8.8

8.8

0.1

5.0

5.1

xLEI

0.0

3.3

3.3

-0.1

3.8

3.7

0.0

2.0

2.0

xRII

0.0

3.3

3.3

0.0

3.8

3.8

0.1

2.0

2.1

xLII

0.34

152.0

152.3

0.6

125.0

125.6

2.8

128.0

130.8

Psys

Table B.1: Comparison between target and computed values for flow split and inlet pressures for the 3 patients.

1.7

80.0

81.7

-3.0

72.0

69.0

-1.3

70.0

68.7

Pdia

B. Calibration results for the models in Chapter 2
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n/a

C

0.278

n/a

n/a

R2

R1

n/a

C

0.838

n/a

n/a

R2

R1

0.052

C

0.479

15.304

0.908

RSA

R2

R1

Caorta

0.029

17.501

1.038

0.036

9.379

0.556

0.039

20.406

1.211

LSA

n/a

n/a

n/a

n/a

n/a

n/a

0.065

12.271

0.728

RCC

0.017

30.221

1.793

0.018

19.832

1.176

0.039

20.090

1.192

LCC

0.077

6.588

0.391

0.082

3.742

0.222

n/a

n/a

n/a

BT

0.067

7.446

0.442

0.059

5.026

0.298

0.129

5.948

0.353

CT

0.055

9.004

0.534

0.045

6.387

0.379

0.097

7.937

0.471

SMA

0.043

8.767

3.409

0.048

4.555

1.772

0.068

8.170

3.177

RRA

0.030

12.561

4.885

0.048

4.657

1.811

0.068

8.705

3.385

LRA

0.031

15.906

0.944

0.041

7.500

0.445

0.032

24.202

1.436

LEI

0.031

15.934

0.945

0.041

7.411

0.440

0.032

24.232

1.437

LEI

0.013

37.107

2.201

0.018

16.838

0.999

0.013

60.503

3.589

RII

0.013

37.196

2.207

0.018

17.591

1.044

0.013

60.695

3.601

LII

R1 is the WK3’s proximal resistance [mmHg s/ml], R2 is the WK3’s distal resistance [mmHg s/ml], C is the WK3’s compliance [ml/mmHg] and
Caorta is the capacitance of the inlet capacitor [ml/mmHg].

3

2

1

Patient

Table B.2: Parameters obtained using the proposed calibration procedure for patient specific boundary conditions.

Appendix C

Flow rate and pressure
waveforms from Chapter 2
This appendix provides the flow rate and pressure waveforms computed at the
boundaries of the CFD models implemented in Chapter 2.

C. Flow rate and pressure waveforms from Chapter 2
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Figure C.1: Flow rate (Q) and pressure (P) waveforms obtained at the inlet and
outlet boundaries of the CFD model of Patient 1.
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Figure C.2: Flow rate (Q) and pressure (P) waveforms obtained at the inlet and
outlet boundaries of the CFD model of Patient 2.
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C. Flow rate and pressure waveforms from Chapter 2
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Figure C.3: Flow rate (Q) and pressure (P) waveforms obtained at the inlet and
outlet boundaries of the CFD model of Patient 3.
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Appendix D

Mesh sensitivity for CFD model
in Chapter 4
This appendix provides details on the mesh sensitivity analysis performed in
Chapter 4. In particular, the effects of the mesh of the compliant model on
the time-averaged wall shear stress (TAWSS) and oscillatory shear index (OSI)
distributions were evaluated. In Figures D.1 and D.2 are shown the TAWSS
and OSI colour-maps computed on the aortic wall using two computational
grids: a coarse and a medium mesh. The differences between the mean and
peak TAWSS and OSI over selected regions of interest (indicated in Figures
D.1 and D.2) were quantified and are reported in Table D.1.

D. Mesh sensitivity for CFD model in Chapter 4

Table D.1: Comparison between TAWSS and OSI values obtained with the
coarse and medium mesh in the selected regions of interest shown in Figures
D.1 and D.2.
Region
Region 1 - Tear TL

Region 2 - Tear FL

Region 3 - Prox. FL

Region 4 - Med. FL

Region 5 - Dist. FL

Index

Coarse

Medium

Diff. %

TAWSSmean [Pa]

4.96

5.14

-3.45

TAWSSpeak [Pa]

22.98

21.36

7.56

TAWSSmean [Pa]

2.68

2.85

-5.76

TAWSSpeak [Pa]

5.97

6.31

-5.47

OSImean

0.057

0.058

-0.20

OSIpeak

0.458

0.488

-6.00

OSImean

0.266

0.215

10.20

OSIpeak

0.492

0.490

0.40

OSImean

0.482

0.473

1.80

OSIpeak

0.498

0.498

0.00

Diff.%T AW SS = (T AW SScoarse − T AW SSmedium )/T AW SSmedium ; Diff.%OSI =
(OSIcoarse − OSImedium )/0.5.
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Figure D.1: Colour maps of the time-averaged wall shear stress (TAWSS) obtained
with the compliant model using the coarse and medium grids, respectively.
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D. Mesh sensitivity for CFD model in Chapter 4

Figure D.2: Colour maps of the oscillatory shear index (OSI) obtained with the
compliant model using the coarse and medium grids, respectively.

220

References
Akin, I., Kische, S., Rehders, T. C., Ince, H., and Nienaber, C. A. (2010). Thoracic endovascular stent-graft therapy in aortic dissection. Current Opinion
in Cardiology, 25(6):552–559.
Alastruey, J., Parker, K. H., Peiro, J., and Sherwin, S. J. (2008). Lumped
Parameter Outflow Models for 1-D Blood Flow Simulations: Effect on Pulse
Waves and Parameter Estimation. Commun. Comput. Phys., 4(2):317–336.
Alastruey, J., Xiao, N., Fok, H., Schaeffter, T., and Figueroa, C. A. (2016).
On the impact of modelling assumptions in multi-scale, subject-specific
models of aortic haemodynamics. Journal of The Royal Society Interface,
13(119):20160073.
Alimohammadi, M. (2015). Aortic dissection: simulation tools for disease
management and understanding. Phd thesis, University College London.
Alimohammadi, M., Agu, O., Balabani, S., and Díaz-Zuccarini, V. (2014a).
Development of a patient-specific simulation tool to analyse aortic dissections: Assessment of mixed patient-specific flow and pressure boundary conditions. Medical Engineering and Physics, 36(3):275–284.
Alimohammadi, M., Bhattacharya-Ghosh, B., Seshadhri, S., Penrose, J., Agu,
O., Balabani, S., and Díaz-Zuccarini, V. (2014b). Evaluation of the hemodynamic effectiveness of aortic dissection treatments via virtual stenting. The
International Journal of Artificial Organs, 37(10):753–762.

References

Alimohammadi, M., Pichardo-Almarza, C., Agu, O., and Díaz-Zuccarini, V.
(2016). Development of a patient-specific multi-scale model to understand
atherosclerosis and calcification locations: Comparison with in vivo data in
an aortic dissection. Frontiers in Physiology, 7:1–15.
Alimohammadi, M., Sherwood, J. M., Karimpour, M., Agu, O., Balabani,
S., and Díaz-Zuccarini, V. (2015). Aortic dissection simulation models for
clinical support: fluid-structure interaction vs. rigid wall models. Biomedical
engineering online, 14:34.
ANSYS Inc. (2016a). CFX Reference Guide. Release 17 edition.
ANSYS Inc. (2016b). CFX-Solver Theory Guide. Release 17 edition.
Athanasiou, L. S., Nezami, F. R., and Edelman, E. R. (2019). Hemodynamic
consequences of a multilayer flow modulator in aortic dissection. Medical &
Biological Engineering & Computing, 57(9):1861–1874.
Bakhshinejad, A., Baghaie, A., Vali, A., Saloner, D., Rayz, V. L., and D’Souza,
R. M. (2017). Merging computational fluid dynamics and 4D Flow MRI
using proper orthogonal decomposition and ridge regression. Journal of
biomechanics, 58:162–173.
Barth, T. J. and Jespersen, D. C. (1989). The design and application of upwind
schemes on unstructured meshes. In 27th Aerospace Sciences Meeting, pages
AIAA Paper 89–0366, Reno, NV.
Bax, L., Bakker, C. J., Klein, W. M., Blanken, N., Beutler, J. J., and Mali,
W. P. (2005). Renal blood flow measurements with use of phase-contrast
magnetic resonance imaging: normal values and reproducibility. J Vasc
Interv Radiol, 16(6):807–814.
Ben Ahmed, S., Dillon-Murphy, D., and Figueroa, C. (2016). Computational
Study of Anatomical Risk Factors in Idealized Models of Type B Aortic Dis-

222

References

section. European Journal of Vascular and Endovascular Surgery, 52(6):736–
745.
Biasetti, J., Gasser, T. C., Auer, M., Hedin, U., and Labruto, F. (2010).
Hemodynamics of the Normal Aorta Compared to Fusiform and Saccular
Abdominal Aortic Aneurysms with Emphasis on a Potential Thrombus Formation Mechanism. Annals of Biomedical Engineering, 38(2):380–390.
Biasetti, J., Hussain, F., and Gasser, T. C. (2011). Blood flow and coherent
vortices in the normal and aneurysmatic aortas: a fluid dynamical approach
to intra-luminal thrombus formation. Journal of The Royal Society Interface, 8(63):1449–1461.
Biglino, G., Giardini, A., Baker, C., Figliola, R. S., Hsia, T.-Y., Taylor, A. M.,
Schievano, S., and MOCHA Collaborative Group (2012). In vitro study of
the Norwood palliation: a patient-specific mock circulatory system. ASAIO
journal, 58(1):25–31.
Bonfanti, M., Balabani, S., Alimohammadi, M., Agu, O., HomerVanniasinkam, S., and Díaz-Zuccarini, V. (2018). A simplified method to
account for wall motion in patient-specific blood flow simulations of aortic
dissection: Comparison with fluid-structure interaction. Medical Engineering & Physics, 58:72–79.
Bonfanti, M., Balabani, S., Greenwood, J. P., Puppala, S., HomerVanniasinkam, S., and Díaz-Zuccarini, V. (2017). Computational tools for
clinical support: a multi-scale compliant model for haemodynamic simulations in an aortic dissection based on multi-modal imaging data. Journal of
The Royal Society Interface, 14(136).
Bonfanti, M., Franzetti, G., Maritati, G., Homer-Vanniasinkam, S., Balabani,
S., and Díaz-Zuccarini, V. (2019). Patient-specific haemodynamic simula-

223

References

tions of complex aortic dissections informed by commonly available clinical
datasets. Medical Engineering & Physics, 71:45–55.
Booher, A. M., Isselbacher, E. M., Nienaber, C. A., Trimarchi, S., Evangelista,
A., Montgomery, D. G., Froehlich, J. B., Ehrlich, M. P., Oh, J. K., Januzzi,
J. L., O’Gara, P., Sundt, T. M., Harris, K. M., Bossone, E., Pyeritz, R. E.,
Eagle, K. A., and IRAD Investigators (2013). The IRAD Classification
System for Characterizing Survival after Aortic Dissection. The American
Journal of Medicine, 126(8):730.e19–730.e24.
Bossone, E., LaBounty, T. M., and Eagle, K. A. (2018). Acute aortic syndromes: diagnosis and management, an update. European Heart Journal,
39(9):739–749d.
Bouïs, D., Kusumanto, Y., Meijer, C., Mulder, N. H., and Hospers, G. A.
(2006). A review on pro- and anti-angiogenic factors as targets of clinical
intervention. Pharmacological Research, 53(2):89–103.
Bramwell, J. C. and Hill, A. V. (1922). The Velocity of the Pulse Wave in Man.
Proceedings of the Royal Society B: Biological Sciences, 93(652):298–306.
Brown, A. G., Shi, Y., Marzo, A., Staicu, C., Valverde, I., Beerbaum, P., Lawford, P. V., and Hose, D. R. (2012). Accuracy vs. computational time: Translating aortic simulations to the clinic. Journal of Biomechanics, 45(3):516–
523.
Brunkwall, J., Lübke, T., Verhoeven, E., Taylor, P., Cuellar, H., Pineda, V.,
and Al., E. (2013). Part one: for the motion. Level 1 evidence is necessary
comparing TEVAR and medical management of uncomplicated type B aortic
dissection. European journal of vascular and endovascular surgery : the
official journal of the European Society for Vascular Surgery, 46(3):274–7.
Caballero, A. D. and Laín, S. (2013). A Review on Computational Fluid

224

References

Dynamics Modelling in Human Thoracic Aorta. Cardiovascular Engineering
and Technology, 4(2):103–130.
Cagney, N. and Balabani, S. (2019). Taylor-Couette flow of shear-thinning
fluids. Physics of Fluids, 31(5):053102.
Chemla, D., Hébert, J.-L., Aptecar, E., Mazoit, J.-X., Zamani, K., Frank,
R., Fontaine, G., Nitenberg, A., and Lecarpentier, Y. (2002). Empirical
estimates of mean aortic pressure: advantages, drawbacks and implications
for pressure redundancy. Clinical science, 103(1):7–13.
Chen, D., Müller-Eschner, M., Kotelis, D., Böckler, D., Ventikos, Y., and Von
Tengg-Kobligk, H. (2013a). A longitudinal study of Type-B aortic dissection and endovascular repair scenarios: Computational analyses. Medical
Engineering and Physics, 35(9):1321–1330.
Chen, D., Müller-Eschner, M., von Tengg-Kobligk, H., Barber, D., Böckler,
D., Hose, R., and Ventikos, Y. (2013b). A patient-specific study of type-B
aortic dissection: evaluation of true-false lumen blood exchange. Biomedical
engineering online, 12:65.
Chen, H. Y., Peelukhana, S. V., Berwick, Z. C., Kratzberg, J., Krieger, J. F.,
Roeder, B., Chambers, S., and Kassab, G. S. (2016). Editor’s Choice - FluidStructure Interaction Simulations of Aortic Dissection with Bench Validation. European Journal of Vascular and Endovascular Surgery, 52(5):589–
595.
Cheng, Z., Juli, C., Wood, N. B., Gibbs, R. G. J., and Xu, X. Y. (2014a).
Predicting flow in aortic dissection: Comparison of computational model
with PC-MRI velocity measurements. Medical Engineering and Physics,
36(9):1176–1184.
Cheng, Z., Riga, C., Chan, J., Hamady, M., Wood, N. B., Cheshire, N. J. W.,
Xu, Y., and Gibbs, R. G. J. (2013). Initial findings and potential applica-

225

References

bility of computational simulation of the aorta in acute type B dissection.
Journal of Vascular Surgery, 57:35S–43S.
Cheng, Z., Tan, F. P. P., Riga, C. V., Bicknell, C. D., Hamady, M. S., Gibbs,
R. G. J., Wood, N. B., and Xu, X. Y. (2010). Analysis of flow patterns in a
patient-specific aortic dissection model. Journal of biomechanical engineering, 132(5):051007.
Cheng, Z., Wood, N. B., Gibbs, R. G. J., and Xu, X. Y. (2014b). Geometric and
Flow Features of Type B Aortic Dissection: Initial Findings and Comparison
of Medically Treated and Stented Cases. Annals of Biomedical Engineering,
43(1):177–189.
Chiu, J.-J. and Chien, S. (2011). Effects of Disturbed Flow on Vascular Endothelium: Pathophysiological Basis and Clinical Perspectives. Physiological
Reviews, 91(1):327–387.
Clough, R. E., Waltham, M., Giese, D., Taylor, P. R., and Schaeffter, T.
(2012). A new imaging method for assessment of aortic dissection using
four-dimensional phase contrast magnetic resonance imaging. Journal of
Vascular Surgery, 55(4):914–923.
Clough, R. E., Zymvragoudakis, V. E., Biasi, L., Taylor, P. R., and Clough, R.
(2014). Usefulness of new imaging methods for assessment of type B aortic
dissection. Ann Cardiothorac Surg, 3(3):314–318.
Crawford, T. C., Beaulieu, R. J., Ehlert, B. A., Ratchford, E. V., Black, J. H.,
and III (2016). Malperfusion syndromes in aortic dissections. Vascular
medicine, 21(3):264–73.
Criado, F. J. (2011). Aortic dissection: a 250-year perspective. Texas Heart
Institute journal, 38(6):694–700.

226

References

de Simone, G., Devereux, R. B., Daniels, S. R., Mureddu, G., Roman, M. J.,
Kimball, T. R., Greco, R., Witt, S., and Contaldo, F. (1997). Stroke Volume and Cardiac Output in Normotensive Children and Adults : Assessment of Relations With Body Size and Impact of Overweight. Circulation,
95(7):1837–1843.
Dillon-Murphy, D., Noorani, A., Nordsletten, D., and Figueroa, C. A. (2016).
Multi-modality image-based computational analysis of haemodynamics in
aortic dissection. Biomechanics and Modeling in Mechanobiology, 15(4):857–
876.
Donadoni, F., Bonfanti, M., Pichardo-Almarza, C., Homer-Vanniasinkam, S.,
Dardik, A., and Diaz-Zuccarini, V. (2019). An in silico study of the influence of vessel wall deformation on neointimal hyperplasia progression in
peripheral bypass grafts. Medical Engineering and Physics, 74:137–145.
Doyle, B. J. and Norman, P. E. (2016). Computational Biomechanics in Thoracic Aortic Dissection: Today’s Approaches and Tomorrow’s Opportunities.
Annals of Biomedical Engineering, 44(1):71–83.
Drake, R. A., Vogl, W. A., and Mitchell, A. (2019). Gray’s anatomy for
students. Churchill Livingstone/Elsevier, 4th edition.
Dyverfeldt, P., Bissell, M., Barker, A. J., Bolger, A. F., Carlhäll, C.-J., Ebbers,
T., Francios, C. J., Frydrychowicz, A., Geiger, J., Giese, D., Hope, M. D.,
Kilner, P. J., Kozerke, S., Myerson, S., Neubauer, S., Wieben, O., and Markl,
M. (2015). 4D flow cardiovascular magnetic resonance consensus statement.
Journal of cardiovascular magnetic resonance, 17:72.
Elefteriades, J. A., Barrett, P. W., and Kopf, G. S. (2007). Litigation in
Nontraumatic Aortic Diseases - A Tempest in the Malpractice Maelstrom.
Cardiology, 109(4):263–272.

227

References

Elefteriades, J. A., Lovoulos, C. J., Coady, M. A., Tellides, G., Kopf, G. S.,
and Rizzo, J. A. (1999). Management of descending aortic dissection. The
Annals of Thoracic Surgery, 67(6):2002–2005.
Erbel, R., Aboyans, V., Boileau, C., Bossone, E., and Di Bartolomeo, R.
(2014). 2014 ESC Guidelines on the diagnosis and treatment of aortic diseases. European Heart Journal, 35:2873–2926.
Erbel, R., Alfonso, F., Boileau, C., Dirsch, O., Eber, B., Haverich, A.,
Rakowski, H., Struyven, J., Radegran, K., Sechtem, U., Taylor, J., Zollikofer, C., Klein, W. W., Mulder, B., and Providencia, L. A. (2001). Diagnosis and management of aortic dissection: Recommendations of the Task
Force on Aortic Dissection, European Society of Cardiology. European Heart
Journal, 22(18):1642–1681.
Fan, Y., Cheng, S. W.-K., Qing, K.-X., and Chow, K.-W. (2010). Endovascular
repair of type B aortic dissection: a study by computational fluid dynamics.
Journal of Biomedical Science and Engineering, 3:900–907.
Fattori, R., Cao, P., De Rango, P., Czerny, M., Evangelista, A., Nienaber, C.,
Rousseau, H., and Schepens, M. (2013). Interdisciplinary Expert Consensus
Document on Management of Type B Aortic Dissection. Journal of the
American College of Cardiology, 61(16):1661–1678.
Figueroa, C. A., Vignon-Clementel, I. E., Jansen, K. E., Hughes, T. J. R.,
and Taylor, C. A. (2006). A coupled momentum method for modeling blood
flow in three-dimensional deformable arteries. Computer Methods in Applied
Mechanics and Engineering, 195:5685–5706.
Fung, Y. C. (1997). Biomechanics - Circulation. Springer New York, New
York, NY.
Galley, H. and Webster, N. (2004). Physiology of the endothelium. British
Journal of Anaesthesia, 93(1):105–113.

228

References

Gallo, D., De Santis, G., Negri, F., Tresoldi, D., Ponzini, R., Massai, D., Deriu,
M. A., Segers, P., Verhegghe, B., Rizzo, G., and Morbiducci, U. (2012). On
the use of in vivo measured flow rates as boundary conditions for imagebased hemodynamic models of the human aorta: Implications for indicators
of abnormal flow. Annals of Biomedical Engineering, 40(3):729–741.
Ganten, M.-K., Krautter, U., Hosch, W., Hansmann, J., von Tengg-Kobligk,
H., Delorme, S., Kauczor, H.-U., Kauffmann, G. W., and Bock, M. (2007).
Age related changes of human aortic distensibility: evaluation with ECGgated CT. European Radiology, 17(3):701–708.
Ganten, M.-K., Weber, T. F., von Tengg-Kobligk, H., Böckler, D., Stiller, W.,
Geisbüsch, P., Kauffmann, G. W., Delorme, S., Bock, M., and Kauczor,
H. U. (2009). Motion characterization of aortic wall and intimal flap by
ECG-gated CT in patients with chronic B-dissection. European Journal of
Radiology, 72(1):146–153.
Gao, F., Watanabe, M., and Matsuzawa, T. (2006). Stress analysis in a layered
aortic arch model under pulsatile blood flow. Biomedical engineering online,
5:25.
Gijsen, F., van de Vosse, F., and Janssen, J. (1999). 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(6):601–608.
Goldfinger, J. Z., Halperin, J. L., Marin, M. L., Stewart, A. S., Eagle, K. A.,
and Fuster, V. (2014). Thoracic aortic aneurysm and dissection. Journal of
the American College of Cardiology, 64(16):1725–1739.
Gore, I. and Hirst, A. E. (1973). Dissecting aneurysm of the aorta. Cardiovascular clinics, 5(1):239–60.
Gray, R. A. and Pathmanathan, P. (2018). Patient-Specific Cardiovascu-

229

References

lar Computational Modeling: Diversity of Personalization and Challenges.
Journal of Cardiovascular Translational Research, 11(2):80–88.
Hall, J. E. (2015). Guyton and Hall Textbook of Medical Physiology. Saunders,
13 edition edition.
Hang, T., Giardini, A., Biglino, G., Conover, T., Figliola, R. S., and MOCHA
Collaborative Group (2016). In Vitro Validation of a Multiscale PatientSpecific Norwood Palliation Model. ASAIO journal (American Society for
Artificial Internal Organs : 1992), 62(3):317–24.
Hansen, M. S., Nogareda, G. J., and Hutchison, S. J. (2007). Frequency of and
Inappropriate Treatment of Misdiagnosis of Acute Aortic Dissection. The
American Journal of Cardiology, 99(6):852–856.
Hatakeyama, T., Shigematsu, H., and Muto, T. (2001). Risk factors for rupture
of abdominal aortic aneurysm based on three-dimensional study. Journal of
Vascular Surgery, 33(3):453–461.
Hlatky, M. A., De Bruyne, B., Pontone, G., Patel, M. R., Norgaard, B. L.,
Byrne, R. A., Curzen, N., Purcell, I., Gutberlet, M., Rioufol, G., Hink,
U., Schuchlenz, H. W., Feuchtner, G., Gilard, M., Andreini, D., Jensen,
J. M., Hadamitzky, M., Wilk, A., Wang, F., Rogers, C., and Douglas, P. S.
(2015). Quality-of-Life and Economic Outcomes of Assessing Fractional
Flow Reserve With Computed Tomography Angiography. Journal of the
American College of Cardiology, 66(21):2315–2323.
Hope, S. A., Tay, D. B., Meredith, I. T., and Cameron, J. D. (2005). Waveform
dispersion, not reflection, may be the major determinant of aortic pressure
wave morphology. Am J Physiol Heart Circ Physiol, 289:H2497–H2502.
Hose, D. R., Narracott, A. J., Penrose, J. M., Baguley, D., Jones, I. P., and
Lawford, P. V. (2006). Fundamental mechanics of aortic heart valve closure.
Journal of Biomechanics, 39(5):958–967.

230

References

Hughes, T. J., Liu, W. K., and Zimmermann, T. K. (1981). LagrangianEulerian finite element formulation for incompressible viscous flows. Computer Methods in Applied Mechanics and Engineering, 29(3):329–349.
Huntsman, L. L., Stewart, D. K., Barnes, S. R., Franklin, S. B., Colocousis,
J. S., and Hessel, E. A. (1983). Noninvasive Doppler determination of cardiac
output in man. Clinical validation. Circulation, 67(3):593–602.
Ioannou, C. V., Stergiopulos, N., Katsamouris, A. N., Startchik, I., Kalangos,
A., Licker, M. J., Westerhof, N., and Morel, D. R. (2003). Hemodynamics
induced after acute reduction of proximal thoracic aorta compliance. European Journal of Vascular and Endovascular Surgery, 26(2):195–204.
Itu, L., Neumann, D., Mihalef, V., Meister, F., Kramer, M., Gulsun, M.,
Kelm, M., Kühne, T., and Sharma, P. (2018). Non-invasive assessment
of patient- specific aortic haemodynamics from four-dimensional flow MRI
data. Interface Focus, 8:20170006.
Jin, S., Oshinski, J., and Giddens, D. P. (2003). Effects of wall motion and
compliance on flow patterns in the ascending aorta. Journal of biomechanical
engineering, 125(3):347–354.
Kamman, A. V., Brunkwall, J., Verhoeven, E. L., Heijmen, R. H., and Trimarchi, S. (2017). Predictors of aortic growth in uncomplicated type B
aortic dissection from the Acute Dissection Stent Grafting or Best Medical
Treatment (ADSORB) database. Journal of Vascular Surgery, 65(4):964–
971.
Karmonik, C., Bismuth, J., Shah, D. J., Davies, M. G., Purdy, D., and Lumsden, A. B. (2011a). Computational study of haemodynamic effects of entryand exit-tear coverage in a DeBakey type III aortic dissection: Technical
report. European Journal of Vascular and Endovascular Surgery, 42(2):172–
177.

231

References

Karmonik, C., Bismuth, J., Shah, D. J., Davies, M. G., Purdy, D., Lumsden,
A. B., and Younes, H. K. (2011b). A Computational Fluid Dynamics Study
Pre- and Post-Stent Graft Placement in an Acute Type B Aortic Dissection.
Vascular and endovascular surgery, 45(2):157–164.
Karmonik, C., Bismuth, J. X., Davies, M. G., and Lumsden, A. B. (2008).
Computational hemodynamics in the human aorta: a computational fluid
dynamics study of three cases with patient-specific geometries and inflow
rates. Technology and health care : official journal of the European Society
for Engineering and Medicine, 16(5):343–54.
Karmonik, C., Duran, C., Shah, D. J., Anaya-Ayala, J. E., Davies, M. G.,
Lumsden, A. B., and Bismuth, J. (2012a). Preliminary findings in quantification of changes in septal motion during follow-up of type B aortic dissections. Journal of Vascular Surgery, 55(5):1419–1426.e1.
Karmonik, C., Muller-Eschner, M., Partovi, S., Geisbusch, P., Ganten, M.-K.,
Bismuth, J., Davies, M. G., Bockler, D., Loebe, M., Lumsden, A. B., and
Tengg-Kobligk, H. V. (2013). Computational Fluid Dynamics Investigation
of Chronic Aortic Dissection Hemodynamics Versus Normal Aorta. Vasc.
Endovascular Surg., 47(8):625–631.
Karmonik, C., Partovi, S., Müller-Eschner, M., Bismuth, J., Davies, M. G.,
Shah, D. J., Loebe, M., Böckler, D., Lumsden, A. B., and Von TenggKobligk, H. (2012b). Longitudinal computational fluid dynamics study of
aneurysmal dilatation in a chronic DeBakey type III aortic dissection. Journal of Vascular Surgery, 56(1):260–263.e1.
Kato, K., Nishio, A., Kato, N., Usami, H., Fujimaki, T., and Murohara, T.
(2010). Uptake of 18F-FDG in Acute Aortic Dissection: A Determinant of
Unfavorable Outcome. Journal of Nuclear Medicine, 51(5):674–681.
Kim, Y., Lim, S., Raman, S. V., Simonetti, O. P., and Friedman, A. (2009).

232

References

Blood Flow in a Compliant Vessel by the Immersed Boundary Method.
Annals of Biomedical Engineering, 37(5):927–942.
Klompas, M. (2002). Does this patient have an acute thoracic aortic dissection?
JAMA, 287(17):2262–72.
Kontopodis, N., Tzirakis, K., and Ioannou, C. V. (2018). The Obsolete Maximum Diameter Criterion, the Evident Role of Biomechanical (Pressure) Indices, the New Role of Hemodynamic (Flow) Indices, and the Multi-Modal
Approach to the Rupture Risk Assessment of Abdominal Aortic Aneurysms.
Annals of vascular diseases, 11(1):78–83.
Landes, G. (1943). Einige untersuchungen an elektrischen analogieschaltungen
zum kreitslaufsystem. Z Biol, 101:418–429.
Lange, R. A. and Hillis, L. D. (2001). Cardiovascular Complications of Cocaine
Use. New England Journal of Medicine, 345(5):351–358.
Lemmon, J. D. and Yoganathan, A. P. (1999). Three-Dimensional Computational Model of Left Heart Diastolic Function With Fluid-Structure Interaction. Journal of Biomechanical Engineering, 122(2):109.
Les, A. S., Shadden, S. C., Figueroa, C. A., Park, J. M., Tedesco, M. M.,
Herfkens, R. J., Dalman, R. L., and Taylor, C. A. (2010). Quantification of
hemodynamics in abdominal aortic aneurysms during rest and exercise using
magnetic resonance imaging and computational fluid dynamics. Annals of
Biomedical Engineering, 38(4):1288–1313.
Liu, D., Fan, Z., Li, Y., Zhang, N., Sun, Z., An, J., Stalder, A. F., Greiser, A.,
and Liu, J. (2018). Quantitative Study of Abdominal Blood Flow Patterns
in Patients with Aortic Dissection by 4-Dimensional Flow MRI. Scientific
Reports, 8(1):9111.

233

References

Lu, J., Zhou, X., and Raghavan, M. L. (2008). Inverse method of stress analysis for cerebral aneurysms. Biomechanics and Modeling in Mechanobiology,
7(6):477–486.
Malek, A. M., Alper, S. L., and Izumo, S. (1999). Hemodynamic Shear Stress
and Its Role in Atherosclerosis. JAMA, 282(21):2035.
Menichini, C., Cheng, Z., Gibbs, R. G. J., and Xu, X. Y. (2016). Predicting false lumen thrombosis in patient-specific models of aortic dissection.
Journal of The Royal Society Interface, 13:20160759.
Menichini, C., Cheng, Z., Gibbs, R. G. J., and Xu, X. Y. (2018). A computational model for false lumen thrombosis in type B aortic dissection following
thoracic endovascular repair. Journal of biomechanics, 66:36–43.
Menichini, C. and Xu, X. Y. (2016). Mathematical modeling of thrombus formation in idealized models of aortic dissection: initial findings and potential
applications. Journal of Mathematical Biology, 73(5):1205–1226.
Middleman, S. (1972). Transport Phenomena in the Cardiovascular System.
John Wiley and Sons.
Milišic, V. and Quarteroni, A. (2004). Analysis of lumped parameter models
for blood flow simulations and their relation with 1D models. Mathem. Mod.
and Num. Analysis, 38(4):613–632.
Mirnezami, R., Nicholson, J., and Darzi, A. (2012). Preparing for Precision
Medicine. New England Journal of Medicine, 366(6):489–491.
Morbiducci, U., Ponzini, R., Gallo, D., Bignardi, C., and Rizzo, G. (2013).
Inflow boundary conditions for image-based computational hemodynamics:
Impact of idealized versus measured velocity profiles in the human aorta.
Journal of Biomechanics, 46(1):102–109.

234

References

Morris, P. D., Narracott, A., von Tengg-Kobligk, H., Silva Soto, D. A., Hsiao,
S., Lungu, A., Evans, P., Bressloff, N. W., Lawford, P. V., Hose, D. R., and
Gunn, J. P. (2015). Computational fluid dynamics modelling in cardiovascular medicine. Heart, 0:1–11.
Munson, B. R., Young, D. F., and Okiishi, T. H. (2002). Fundamentals of
Fluid Dynamics. New York, 4th edition.
Nakamura, T., Moriyasu, F., Ban, N., Nishida, O., Tamada, T., Kawasaki, T.,
Sakai, M., and Uchino, H. (1989). Quantitative measurement of abdominal
arterial blood flow using image-directed Doppler ultrasonography: Superior mesenteric, splenic, and common hepatic arterial blood flow in normal
adults. Journal of Clinical Ultrasound, 17(4):261–268.
Nakashima, Y. (2010). Pathogenesis of aortic dissection: elastic fiber abnormalities and aortic medial weakness. Annals of vascular diseases, 3(1):28–36.
Nerem, R. M., Seed, W. A., and Wood, N. B. (1972). An experimental study of
the velocity distribution and transition to turbulence in the aorta. Journal
of Fluid Mechanics, 52(1):137–160.
Nienaber, C. A. and Clough, R. E. (2015). Management of acute aortic dissection. The Lancet, 385(9970):800–811.
Nienaber, C. A., Clough, R. E., Sakalihasan, N., Suzuki, T., Gibbs, R., Mussa,
F., Jenkins, M. P., Thompson, M. M., Evangelista, A., Yeh, J. S. M.,
Cheshire, N., Rosendahl, U., and Pepper, J. (2016a). Aortic dissection.
Nature Reviews Disease Primers, 2(1):16053.
Nienaber, C. A., Clough, R. E., Sakalihasan, N., Suzuki, T., Gibbs, R., Mussa,
F., Jenkins, M. T., Thompson, M. M., Evangelista, A., Yeh, J. S. M.,
Cheshire, N., Rosendahl, U., and Pepper, J. (2016b). Aortic dissection.
Nature Reviews Disease Primers, 2(July):16053.

235

References

Nienaber, C. A., Kische, S., Akin, I., Rousseau, H., Eggebrecht, H., Fattori, R.,
Rehders, T. C., Kundt, G., Scheinert, D., Czerny, M., Kleinfeldt, T., Zipfel,
B., Labrousse, L., and Ince, H. (2010). Strategies for subacute/chronic
type B aortic dissection: The Investigation of Stent Grafts in Patients with
Type B Aortic Dissection (INSTEAD) trial 1-year outcome. The Journal of
Thoracic and Cardiovascular Surgery, 140(6):S101–S108.
Nienaber, C. A., Kische, S., Rousseau, H., Eggebrecht, H., Rehders, T. C.,
Kundt, G., Glass, A., Scheinert, D., Czerny, M., Kleinfeldt, T., Zipfel, B.,
Labrousse, L., Fattori, R., and Ince, H. (2013). Endovascular Repair of Type
B Aortic Dissection. Circ. Cardiovasc. Interv., 6:407–416.
Nienaber, C. A., Rousseau, H., Eggebrecht, H., Kische, S., Fattori, R., Rehders, T. C., Kundt, G., Scheinert, D., Czerny, M., Kleinfeldt, T., Zipfel,
B., Labrousse, L., and Ince, H. (2009). Randomized Comparison of Strategies for Type B Aortic Dissection. Circulation, 120(25):2519–2528.
Nordon, I. M., Hinchliffe, R. J., Holt, P. J., Morgan, R., Jahangiri, M., Loftus,
I. M., and Thompson, M. M. (2009). Endovascular management of chronic
aortic dissection in patients with Marfan syndrome. Journal of vascular
surgery, 50(5):987–91.
Osswald, A., Karmonik, C., Anderson, J., Rengier, F., Karck, M., Engelke,
J., Kallenbach, K., Kotelis, D., Partovi, S., Böckler, D., and Ruhparwar,
A. (2017). Elevated Wall Shear Stress in Aortic Type B Dissection May
Relate to Retrograde Aortic Type A Dissection: A Computational Fluid
Dynamics Pilot Study. European Journal of Vascular and Endovascular
Surgery, 54(3):324–330.
Pant, S., Fabrèges, B., Gerbeau, J.-F., and Vignon-Clementel, I. E. (2014). A
methodological paradigm for patient-specific multi-scale CFD simulations:
from clinical measurements to parameter estimates for individual analysis.

236

References

International Journal for Numerical Methods in Biomedical Engineering,
30(12):1614–1648.
Papaioannou, T. G., Mathioulakis, D. S., Nanas, J. N., Tsangaris, S. G., Stamatelopoulos, S. F., and Moulopoulos, S. D. (2002). Arterial compliance is
a main variable determining the effectiveness of intra-aortic balloon counterpulsation: quantitative data from an in vitro study. Medical Engineering
& Physics, 24(4):279–284.
Parisi, R., Secco, G. G., and Fattori, R. (2015). New paradigms in the management of acute type B aortic dissection. Current Opinion in Cardiology,
30(6):559–565.
Patel, H. J. and Williams, D. M. (2009). Endovascular Therapy for Malperfusion in Acute Type B Aortic Dissection. Operative Techniques in Thoracic
and Cardiovascular Surgery, 14(1):2–11.
Patel, P. D. and Arora, R. R. (2008). Pathophysiology, diagnosis, and management of aortic dissection. Therapeutic Advances in Cardiovascular Disease,
2(6):439–468.
Peacock, J., Jones, T., Tock, C., and Lutz, R. (1998). The onset of turbulence
in physiological pulsatile flow in a straight tube. Experiments in Fluids,
24(1):1–9.
Peng, L., Qiu, Y., Yang, Z., Yuan, D., Dai, C., Li, D., Jiang, Y., and Zheng,
T. (2019). Patient-specific Computational Hemodynamic Analysis for Interrupted Aortic Arch in an Adult: Implications for Aortic Dissection Initiation.
Scientific Reports, 9(1):8600.
Pirola, S., Cheng, Z., Jarral, O. A., O’Regan, D. P., Pepper, J. R., Athanasiou,
T., and Xu, X. Y. (2017). On the choice of outlet boundary conditions for
patient-specific analysis of aortic flow using computational fluid dynamics.
Journal of Biomechanics, 60:15–21.

237

References

Pirola, S., Guo, B., Menichini, C., Saitta, S., Fu, W., Dong, Z., and Xu,
X. Y. (2019). 4D Flow MRI-Based Computational Analysis of Blood Flow
in Patient-Specific Aortic Dissection. IEEE Transactions on Biomedical Engineering, pages 1–9.
Qiao, A., Yin, W., and Chu, B. (2015). Numerical simulation of fluid-structure
interaction in bypassed DeBakey III aortic dissection. Computer Methods in
Biomechanics and Biomedical Engineering, 18(11):1173–1180.
Qiao, Y., Zeng, Y., Ding, Y., Fan, J., Luo, K., and Zhu, T. (2019). Numerical simulation of two-phase non-Newtonian blood flow with fluid-structure
interaction in aortic dissection. Computer Methods in Biomechanics and
Biomedical Engineering, pages 1–11.
Quarteroni, A., Veneziani, A., and Vergara, C. (2016). Geometric multiscale
modeling of the cardiovascular system, between theory and practice. Comput. Methods Appl. Mech. Engrg, 302:193–252.
Quemada, D. (1978).

Rheology of concentrated disperse systems II. A

model for non-newtonian shear viscosity in steady flows. Rheologica Acta,
17(6):632–642.
Quint, L. E., Platt, J. F., Sonnad, S. S., Deeb, G. M., and Williams, D. M.
(2003). Aortic Intimal Tears: Detection with Spiral Computed Tomography.
Journal of Endovascular Therapy, 10(3):505–510.
Raghavan, M. L. and Vorp, D. A. (2000). Toward a biomechanical tool to
evaluate rupture potential of abdominal aortic aneurysm: Identification of
a finite strain constitutive model and evaluation of its applicability. Journal
of Biomechanics, 33(4):475–482.
Rajani, R., Modi, B., Ntalas, I., and Curzen, N. (2017). Non-invasive fractional
flow reserve using computed tomographic angiography: where are we now
and where are we going? Heart, 103(15):1216–1222.

238

References

Raw, M. (1996). Robustness of coupled Algebraic Multigrid for the NavierStokes equations. In 34th Aerospace Sciences Meeting and Exhibit, pages
AIAA Paper 96–0297, Reno, NV. American Institute of Aeronautics and
Astronautics.
Reymond, P., Crosetto, P., Deparis, S., Quarteroni, A., and Stergiopulos, N.
(2013). Physiological simulation of blood flow in the aorta: Comparison
of hemodynamic indices as predicted by 3-D FSI, 3-D rigid wall and 1-D
models. Medical Engineering and Physics, 35(6):784–791.
Reymond, P., Merenda, F., Perren, F., and Ru, D. (2009). Validation of a
One-Dimensional Model of the Systemic Arterial Tree. American Journal of
Physiology - Heart and Circulatory Physiology, 297:208–222.
Rinaudo, A., D’Ancona, G., Lee, J. J., Pilato, G., Amaducci, A., Baglini, R.,
Follis, F., Pilato, M., and Pasta, S. (2014). Predicting Outcome of Aortic Dissection with Patent False Lumen by Computational Flow Analysis.
Cardiovascular Engineering and Technology, 5(2):176–188.
Romagnoli, S., Ricci, Z., Quattrone, D., Tofani, L., Tujjar, O., Villa, G.,
Romano, S. M., and De Gaudio, A. R. (2014). Accuracy of invasive arterial pressure monitoring in cardiovascular patients: an observational study.
Critical care (London, England), 18(6):644.
Romarowski, R. M., Lefieux, A., Morganti, S., Veneziani, A., and Auricchio,
F. (2018). Patient-specific CFD modelling in the thoracic aorta with PCMRI-based boundary conditions: A least-square three-element Windkessel
approach. International Journal for Numerical Methods in Biomedical Engineering, 34(11):e3134.
Rudenick, P. A., Bijnens, B. H., García-Dorado, D., and Evangelista, A.
(2013). An in vitro phantom study on the influence of tear size and configura-

239

References

tion on the hemodynamics of the lumina in chronic type B aortic dissections.
Journal of Vascular Surgery, 57(2):464–474.e5.
Rudenick, P. A., Bijnens, B. H., Segers, P., García-Dorado, D., and Evangelista, A. (2015). Assessment of wall elasticity variations on intraluminal
haemodynamics in descending aortic dissections using a lumped-parameter
model. PLoS ONE, 10(4):1–17.
Sagawa, K., Lie, R. K., and Schaefer, J. (1990). Translation of Otto frank’s
paper ‘Die Grundform des arteriellen Pulses’ zeitschrift für biologie 37: 483526 (1899). Journal of Molecular and Cellular Cardiology, 22(3):253–254.
Saouti, N., Marcus, J. T., Noordegraaf, A. V., and Westerhof, N. (2012).
Aortic function quantified: the heart’s essential cushion. J Appl Physiol,
113:1285–1291.
Shang, E. K., Nathan, D. P., Fairman, R. M., Bavaria, J. E., Gorman, R. C.,
Gorman, J. H., and Jackson, B. M. (2015). Use of computational fluid
dynamics studies in predicting aneurysmal degeneration of acute type B
aortic dissections. Journal of Vascular Surgery, 62(2):279–284.
Shi, Y., Lawford, P., and Hose, R. (2011). Review of zero-D and 1-D models
of blood flow in the cardiovascular system. Biomedical engineering online,
10:33.
Sommer, G., Sherifova, S., Oberwalder, P. J., Dapunt, O. E., Ursomanno,
P. A., DeAnda, A., Griffith, B. E., and Holzapfel, G. A. (2016). Mechanical
strength of aneurysmatic and dissected human thoracic aortas at different
shear loading modes. Journal of Biomechanics, 49(12):2374–2382.
Soudah, E., Rudenick, P., Bordone, M., Bijnens, B., García-Dorado, D., Evangelista, A., and Oñate, E. (2015). Validation of numerical flow simulations
against in vitro phantom measurements in different type B aortic dissection

240

References

scenarios. Computer Methods in Biomechanics and Biomedical Engineering,
18(8):805–815.
Sousa, P. C., Pinho, F. T., Alves, M. A., and Oliveira, M. S. N. (2016). A
review of hemorheology: Measuring techniques and recent advances. KoreaAustralia Rheology Journal, 28(1):1–22.
Stalder, A. F., Frydrychowicz, A., Russe, M. F., Korvink, J. G., Hennig, J., Li,
K. C., and Markl, M. (2011). Analysis of Reynolds , Strouhal and Womersley
numbers in the healthy thoracic aorta. Proc. Intl. Soc. Mag. Reson. Med.,
19:730.
Stamatopoulos, C., Mathioulakis, D. S., Papaharilaou, Y., and Katsamouris,
A. (2011). Experimental unsteady flow study in a patient-specific abdominal
aortic aneurysm model. Experiments in Fluids, 50(6):1695–1709.
Stefanov, F., Sultan, S., Morris, L., Elhelali, A., Kavanagh, E. P., Lundon, V.,
Sultan, M., and Hynes, N. (2016). Computational fluid analysis of symptomatic chronic type B aortic dissections managed with the Streamliner
Multilayer Flow Modulator. Journal of Vascular Surgery, pages 1–13.
Stein, P. D. and Sabbah, H. N. (1976). Turbulent blood flow in the ascending aorta of humans with normal and diseased aortic valves. Circulation
research, 39(1):58–65.
Strachan, D. P. (1991). Predictors of death from aortic aneurysm among
middle-aged men:

The Whitehall study.

British Journal of Surgery,

78(4):401–404.
Strayer, R. J., Shearer, P. L., and Hermann, L. K. (2012). Screening, evaluation, and early management of acute aortic dissection in the ED. Current
cardiology reviews, 8(2):152–157.

241

References

Sullivan, P. R., Wolfson, A. B., Leckey, R. D., and Burke, J. L. (2000). Diagnosis of Acute Thoracic Aortic Dissection in the Emergency Department.
American Journal of Emergency Medicine, 18(1):46–50.
Sun, Z. and Chaichana, T. (2016). A systematic review of computational fluid
dynamics in type B aortic dissection. International Journal of Cardiology,
210:28–31.
Synopsys (2017). Reference Guide - Simpleware ScanIP Software 2017.06-SP2.
1st edition.
Tan, C., Rubenson, D., Srivastava, A., Mohan, R., Smith, M. R., Billick,
K., Bardarian, S., and Thomas Heywood, J. (2017). Left ventricular outflow tract velocity time integral outperforms ejection fraction and Dopplerderived cardiac output for predicting outcomes in a select advanced heart
failure cohort. Cardiovascular Ultrasound, 15(1):18.
Tang, Y., Fan, Y., Cheng, S., and Chow, K. (2012). Biomechanical Factors
Influencing Type B Thoracic Aortic Dissection: Computational Fluid Dynamics Study. Engineering Applications of Computational Fluid Mechanics,
6(4):622–632.
Taviani, V., Hickson, S. S., Hardy, C. J., McEniery, C. M., Patterson, A. J.,
Gillard, J. H., Wilkinson, I. B., and Graves, M. J. (2011). Age-related
changes of regional pulse wave velocity in the descending aorta using Fourier
velocity encoded M-mode. Magnetic Resonance in Medicine, 65(1):261–268.
Taylor, C. and Figueroa, C. (2009). Patient-Specific Modeling of Cardiovascular Mechanics. Annual Review of Biomedical Engineering, 11(1):109–134.
Thrumurthy, S. G., Karthikesalingam, A., Patterson, B. O., Holt, P. J. E.,
and Thompson, M. M. (2011). The diagnosis and management of aortic
dissection. BMJ, 344(d8290):1–7.

242

References

Tortora, G. J. and Derrickson, B. (2011). Introduction to the human body : the
essentials of anatomy and physiology. John Wiley & Sons, Ltd, 8th edition.
Townsend, N., Nichols, M., Scarborough, P., and Rayner, M. (2015). Cardiovascular disease in Europe - Epidemiological update 2015. European Heart
Journal, 36(40):2696–2705.
Trimarchi, S., de Beaufort, H. W., Tolenaar, J. L., Bavaria, J. E., Desai, N. D.,
Di Eusanio, M., Di Bartolomeo, R., Peterson, M. D., Ehrlich, M., Evangelista, A., Montgomery, D. G., Myrmel, T., Hughes, G. C., Appoo, J. J., De
Vincentiis, C., Yan, T. D., Nienaber, C. A., Isselbacher, E. M., Deeb, G. M.,
Gleason, T. G., Patel, H. J., Sundt, T. M., and Eagle, K. A. (2019). Acute
aortic dissections with entry tear in the arch: A report from the International Registry of Acute Aortic Dissection. The Journal of Thoracic and
Cardiovascular Surgery, 157(1):66–73.
Trimarchi, S., Tolenaar, J. L., Jonker, F. H., Murray, B., Tsai, T. T., Eagle,
K. A., Rampoldi, V., Verhagen, H. J., van Herwaarden, J. A., Moll, F. L.,
Muhs, B. E., and Elefteriades, J. A. (2013). Importance of false lumen
thrombosis in type B aortic dissection prognosis. The Journal of Thoracic
and Cardiovascular Surgery, 145(3):S208–S212.
Tsai, T. T., Evangelista, A., Nienaber, C. A., Myrmel, T., Meinhardt, G.,
Cooper, J. V., Smith, D. E., Suzuki, T., Fattori, R., Llovet, A., Froehlich,
J., Hutchison, S., Distante, A., Sundt, T., Beckman, J., Januzzi, J. L.,
Isselbacher, E. M., and Eagle, K. A. (2007). Partial Thrombosis of the False
Lumen in Patients with Acute Type B Aortic Dissection. New England
Journal of Medicine, 357(4):349–359.
Tsai, T. T., Schlicht, M. S., Khanafer, K., Bull, J. L., Valassis, D. T., Williams,
D. M., Berguer, R., and Eagle, K. A. (2008). Tear size and location impacts
false lumen pressure in an ex vivo model of chronic type B aortic dissection.
Journal of Vascular Surgery, 47(4):844–851.

243

References

Tse, K. M., Chiu, P., Lee, H. P., and Ho, P. (2011). Investigation of hemodynamics in the development of dissecting aneurysm within patient-specific
dissecting aneurismal aortas using computational fluid dynamics (CFD) simulations. Journal of Biomechanics, 44(5):827–836.
Uchida, N., Katayama, A., Kuraoka, M., Katayama, K., Takahashi, S.,
Takasaki, T., and Sueda, T. (2013). Extended Aortic Repair Using Frozen
Elephant Trunk Technique for Marfan Syndrome with Acute Aortic Dissection. Annals of Thoracic and Cardiovascular Surgery, 19(4):279–282.
Van Bogerijen, G. H. W., Tolenaar, J. L., Rampoldi, V., Moll, F. L., Van Herwaarden, J. A., Jonker, F. H. W., Eagle, K. A., and Trimarchi, S. (2014).
Predictors of aortic growth in uncomplicated type B aortic dissection. Journal of Vascular Surgery, 59(4):1134–1143.
Vane, J. R., Änggård, E. E., and Botting, R. M. (1990). Regulatory Functions
of the Vascular Endothelium. New England Journal of Medicine, 323(1):27–
36.
Vignon-Clementel, I. E., Alberto Figueroa, C., Jansen, K. E., and Taylor,
C. A. (2006). Outflow boundary conditions for three-dimensional finite element modeling of blood flow and pressure in arteries. Computer Methods
in Applied Mechanics and Engineering, 195(29-32):3776–3796.
Vignon-Clementel, I. E., Figueroa, C. A., Jansen, K. E., and Taylor, C. A.
(2010). Outflow boundary conditions for 3D simulations of non-periodic
blood flow and pressure fields in deformable arteries. Computer methods in
biomechanics and biomedical engineering, 13(5):625–640.
Voges, I., Jerosch-Herold, M., Hedderich, J., Pardun, E., Hart, C., Gabbert, D.,
Hansen, J., Petko, C., Kramer, H.-H., and Rickers, C. (2012). Normal values
of aortic dimensions, distensibility, and pulse wave velocity in children and

244

References

young adults: a cross-sectional study. Journal of Cardiovascular Magnetic
Resonance, 14(1):77.
Wan Ab Naim, W. N., Ganesan, P. B., Sun, Z., Lei, J., Jansen, S., Hashim,
S. A., Ho, T. K., and Lim, E. (2018). Flow pattern analysis in type B
aortic dissection patients after stent-grafting repair: Comparison between
complete and incomplete false lumen thrombosis. International Journal for
Numerical Methods in Biomedical Engineering, 34(5):e2961.
Wan Ab Naim, W. N., Ganesan, P. B., Sun, Z., Liew, Y. M., Qian, Y., Lee,
C.-J., Jansen, S., Hashim, S. A., and Lim, E. (2016). Prediction of thrombus
formation using vortical structures presentation in Stanford type B aortic
dissection: A preliminary study using CFD approach. Applied Mathematical
Modelling, 40(4):3115–3127.
Weiss, G., Tsagakis, K., Jakob, H., Di Bartolomeo, R., Pacini, D., Barberio,
G., Mascaro, J., Mestres, C.-A., Sioris, T., and Grabenwoger, M. (2015).
The frozen elephant trunk technique for the treatment of complicated type
B aortic dissection with involvement of the aortic arch: multicentre early
experience. European Journal of Cardio-Thoracic Surgery, 47(1):106–114.
Wen, C. Y., Yang, A. S., Tseng, L. Y., and Chai, J. W. (2010). Investigation
of pulsatile flowfield in healthy thoracic aorta models. Annals of Biomedical
Engineering, 38(2):391–402.
Westerhof, N., Lankhaar, J. W., and Westerhof, B. E. (2009). The arterial
windkessel. Medical and Biological Engineering and Computing, 47(2):131–
141.
Westerhof, N., Stergiopulos, N., and Noble, M. I. (2010). Snapshots of Hemodynamics. Springer US, Boston, MA, 2nd edition.
Wheat, M. W. (1987). Acute dissection of the aorta. Cardiovascular clinics,
17(3):241–62.

245

References

Williams, G., Gott, V. L., Brawley, R. K., Schauble, J. F., and Labs, J. D.
(1988). Aortic disease associated with pregnancy. Journal of Vascular
Surgery, 8(4):470–475.
Xiang, J., Natarajan, S. K., Tremmel, M., Ma, D., Mocco, J., Hopkins,
L. N., Siddiqui, A. H., Levy, E. I., and Meng, H. (2011). Hemodynamicmorphologic discriminants for intracranial aneurysm rupture.

Stroke,

42(1):144–52.
Xiao, N., Alastruey, J., and Figueroa, C. A. (2014). A systematic comparison
between 1-D and 3-D hemodynamics in compliant arterial models. International Journal for Numerical Methods in Biomedical Engineering, 30(2):204–
231.
Xu, H., Li, Z., Dong, H., Zhang, Y., Wei, J., Watton, P. N., Guo, W., Chen,
D., and Xiong, J. (2017). Hemodynamic parameters that may predict falselumen growth in type-B aortic dissection after endovascular repair: A preliminary study on long-term multiple follow-ups. Medical Engineering and
Physics, 50:12–21.
Xu, H., Piccinelli, M., Leshnower, B. G., Taylor, W. R., and Veneziani, A.
(2018). Coupled Morphological-Hemodynamic Computational Analysis of
Type B Aortic Dissection: A Longitudinal Study. Annals of Biomedical
Engineering, 46(7):927–939.
Yang, S., Li, X., Chao, B., Wu, L., Cheng, Z., Duan, Y., Wu, D., Zhan, Y.,
Chen, J., Liu, B., Ji, X., Nie, P., and Wang, X. (2014). Abdominal aortic intimal flap motion characterization in acute aortic dissection: Assessed with
retrospective ECG-gated thoracoabdominal aorta dual-source CT angiography. PLoS ONE, 9(2):1–9.
Yazdani, A., Li, H., Bersi, M. R., Achille, P. D., Insley, J., Humphrey, J. D.,
and Karniadakis, G. E. (2018). Data-driven Modeling of Hemodynamics

246

References

and its Role on Thrombus Size and Shape in Aortic Dissections. Scientific
Reports, 8:2515.
Yilmaz, F. and Gundogdu, M. Y. (2008). A critical review on blood flow in
large arteries; relevance to blood rheology, viscosity models, and physiologic
conditions. Korea-Australia Rheology Journal, 20(4):197–211.
Zamir, M., Sinclair, P., and Wonnacott, T. H. (1992). Relation between diameter and flow in major branches of the arch of the aorta. Journal of
Biomechanics, 25(11):1303–1310.
Zhang, Y., Agnoletti, D., Xu, Y., Wang, J.-G., Blacher, J., and Safar, M. E.
(2014a). Carotid-femoral pulse wave velocity in the elderly. Journal of
Hypertension, 32(8):1572–1576.
Zhang, Y., Lu, Q., Feng, J., Yu, P., Zhang, S., Teng, Z., Gillard, J. H., Song, R.,
and Jing, Z. (2014b). A pilot study exploring the mechanisms involved in the
longitudinal propagation of acute aortic dissection through computational
fluid dynamic analysis. Cardiology, 128(2):220–5.
Zhou, J. and Fung, Y. (1997). The degree of nonlinearity and anisotropy of
blood vessel elasticity. Proc. Natl. Acad. Sci., 94:14255–14260.

247

