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Abstract
Cardiovascular diseases such as atherosclerosis and aneurysms are the
leading cause of mortality in developed countries. Their pathogenesis
and development are complex and multifactorial, depending on a variety
of biochemical and biomechanical factors and are still not completely
understood. Local haemodynamics are increasingly recognised as a key
component to the disease initiation process and yet there is a lack of
efficient tools for imaging such processes in-vivo, leading to a gap in diagnostic capabilities and limited research possibilities. The traditional
way of obtaining detailed patient-specific flow information is to use computational fluid dynamics based on geometries and boundary conditions
acquired via medical imaging modalities. However, this approach has
several major drawbacks: most importantly it requires long runtimes,
making it impractical in the clinical environment and it also uses only
very little of the available measurement data. The objective of this thesis
is to investigate the enhancement of medical images with high-quality
blood flow information and to propose a novel, clinically applicable approach.
The contributions of this thesis are severalfold. Preliminary work concentrates on several aspects of computational blood flow simulations,
with the objective of improving their application to patient-specific blood
flow modelling. An efficient surface mesh generation algorithm is proposed, which significantly increases the quality of surface representations
as generated from medical imaging volumes. Much attention is focussed
on flow simulation tools and novel implementations of a finite volume
and a finite element solver are introduced and compared one to another,
providing insights into design decisions for patient-specific biomedical
flow simulations. A further contribution is a fluid structure interaction
simulation which studies the difference in biomechanical forces exerted
on a healthy and an aneurysmal abdominal aortic bifurcation. In this
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context, the existence of a snowball effect is demonstrated, whereby the
pathological worsening factors are shown to be self-encouraging, leading to an exponential behaviour of aneurysm development. Research
is further concentrated on creating an original flow measurement enhancement method, using a database of precomputed simulations and
principal component analysis to interpolate a patient-specific flow field
based on a sparse velocity measurement such as might be acquired using
PC-MRI. Initial tests using a synthetic 2D example set of flow fields are
presented, and these are shown to produce encouraging results. A full
3D evaluation is also performed, using a large, representative database of
synthetic geometries and the method is shown to provide secondary flow
quantity estimations closely matching the ground truth. In order to further test the method on patient-specific 3D datasets, a dedicated mesh
generation algorithm and a coordinate mapping procedure are proposed,
which enable the future building of large databases of corresponding flow
simulation data.

Zusammenfassung
Herz-Kreislauf-Erkrankungen wie Arteriosklerose und Aneurysmen gehören zu den führende Todesursachen in entwickelten Ländern. Ihre Entstehung und Entwicklung sind komplex und abhängig von einer Vielzahl
von biochemischen und biomechanischen Faktoren und sind noch nicht
vollständig verstanden. Die wichtige Rolle der lokalen hämodynamischen
Bedingungen bei der Entstehung solche Krankheiten wird zunehmend
anerkannt. Dennoch gibt es weiterhin einen Mangel an effizienten Werkzeugen um solche Vorgänge im lebenden Organismus zu messen. Dies
führt zu einer Lücke in den diagnostischen Fähigkeiten und beschränkt
die Forschungsmöglichkeiten. Der traditionelle Weg um detaillierte Patienten-spezifische Flussinformationen zu erhalten, ist die Durchführung
von numerische Blutfluss-Simulationen mit Geometrien und Randbedingungen, die mittels medizinischer Bildgebungsgeräte bestimmt werden.
Dieser Ansatz hat jedoch zwei entscheidende Nachteile: erstens sind die
Laufzeiten sehr lang, was im klinischen Umfeld nicht praktikabel ist und
zweitens wird nur sehr wenig von der vorhandenen Information in den
Messdaten verwendet. Ziel dieser Dissertation ist es daher Möglichkeiten
zur Verbesserung von medizinischen Bildgebungsmodalitäten mit hochqualitativen Blutflussinformationen zu untersuchen und einen neuen, klinisch anwendbaren Ansatz vorzuschlagen.
Die Beiträge dieser Arbeit sind vielfach. Vorarbeiten konzentrieren sich
auf verschiedene Aspekte von numerischen Blutfluss-Simulationen, mit
dem Ziel ihre Anwendbarkeit für die Patienten-spezifische Flussmodellierung zu verbessern. In diesem Zusammenhang stellen wir einen Algorithmus vor, der die Erzeugung von Oberflächengittern anhand von
medizinischen Bilddaten deutlich verbessert. Viel Arbeit wird in numerische Methoden für Flusssimulation investiert und neuartige Implementierungen eines Finite Volumen und eines Finite Elemente Verfahrens werden vorgestellt und miteinander verglichen um einen Ein-
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blick in Design-Entscheidungen für Patienten-spezifische biomedizinische
Strömungssimulationen anzubieten. Ein weiterer Beitrag dieser Arbeit
ist die Durchführung einer Fluid-Struktur-Interaktions-Simulation, um
den Unterschied in den biomechanischen Kräften zu schätzen, welche
auf eine gesunde und eine pathologische (mit Aneurysma) abdominale Aortabifurkation wirken. Dabei wird die Existenz eines SchneeballEffektes nachgewiesen, wobei die Verschlechterung der pathologischen
Faktoren sich als selbstverstärkend erweisen, was zu einem exponentiellen Verhalten bei der Entwicklung von Aneurysmen führt. Unsere
Forschung konzentriert sich schliesslich auf eine neuartige Methode zur
Anreicherung von Blutflussmessungen, welche mit Hilfe einer Datenbank von vorher durchgeführten Fluss-Simulationen das hoch-aufgelöste
Patienten-spezifische Strömungsfeld rekonstruieren kann. Die Methode
basiert auf der Hauptkomponentenanalyse und verwendet spärliche, verrauschte Geschwindigkeitsmessungen, zum Bespiel von einem PC-MRI
Bildvolumen. Erste Experimente mit einer synthetisch erzeugten Datenbank von 2D Strömungsfeldern werden vorgestellt und es wird gezeigt,
dass diese zu erfreulichen Ergebnissen führen. Eine vollständige Auswertung mit 3D Strömungsfeldern wird unter Verwendung einer grossen, repräsentativen Datenbank von synthetischen Geometrien durchgeführt und es wird gezeigt, dass die Methode sekundäre Stromvariablen
präzise vorausberechnen könnte. Um die Methode weiter auf Patientenspezifischen Datensätzen testen zu können wird eine Methode beschrieben um Tetraedergitter zu erzeugen und eine Abbildung zwischen verschiedenen Patientengeometrien zu berechnen, welche den Aufbau von
grossen Datenbanken von korrespondierenden Flusssimulation ermöglichen.
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1
Introduction
Cardiovascular diseases (CVD) are the leading cause of mortality in developed countries: in 2009, an estimated one in three Americans lived
with one or more types of CVD, nearly 2400 Americans die every day
from them [Lloyd-Jones et al. 2009] and they cause almost half of all
deaths in Europe [Allender et al. 2008].
CVD are by their very definition linked to the way blood flows through
the vascular system and yet there are currently no clinically available
resources to accurately image these blood flow patterns in-vivo. Indeed,
blood flow is an astoundingly complex non-linear phenomenon covering
many spatial and temporal scales and imaging it in detail is a very difficult task. This leaves a gap in diagnostic capabilities, which is especially
frustrating for surgeons who are often faced with difficult decisions and
could benefit greatly from such knowledge. One approach to overcome
this limitation has been to use simulation tools, which are becoming
increasingly popular as high power computing resources become more
widely available. However, using such tools for modelling patient-specific
blood flow patterns poses a whole new set of problems, which has kept
them out of the clinic for the time being.
This thesis aims to provide a new approach for enhancing patient-specific
data with the full richness of computational fluid dynamics to improve
the diagnostic capabilities of modern medical imaging devices in a clinically feasible manner. From an anatomical point of view this work
focusses on the abdominal aortic bifurcation because this provides an
ideal testing ground for flow imaging techniques, as it is a large vessel
with fast flow and strong clinical relevance, in particular with respect
to abdominal aortic aneurysms and atherosclerosis. The lessons learned
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1. Introduction

here may then further be used in more complex geometries such as the
coronary or cerebral arteries.

1.1

Vascular Anatomy, Physiology and Related Pathologies

The cardiovascular system (see Figure 1.1 (a)) is responsible for delivering blood to the various organs of the human body and comprises the
heart, the blood and the blood vessels. We are principally concerned
with the blood vessels: the arteries which carry blood to - and the veins
which carry it from the organs. As seen in Figure 1.1 (b), blood vessels,
both arterial and venous, are composed of three layers: intimal, medial
and adventital. The intimal layer or tunica interna is composed of the
endothelium, an inner lining of epithelial cells, a basement membrane
and the internal elastic lamina. The medial layer or tunica media consists of elastic fibres and smooth muscle cells, arranged concentrically
around the lumen. The adventitial layer, or tunica externa is composed
mainly of elastin and collagen fibres. [Gail W. Jenkins 2007].
This thesis concentrates primarily on blood flow through the abdominal
aortic bifurcation, so here follows a brief description of its anatomy. As
may be seen in Figure 1.1 (a) the abdominal aortic bifurcation is the
splitting of the abdominal aorta, coming from the heart, into the two
common iliac arteries which transport blood into the legs and the pelvic
region. The abdominal aorta and common iliacs are amongst the largest
blood vessels in the body and are elastic arteries, meaning that their
medial layer contains a high proportion of elastin fibres, giving them a
high compliance. The diameter of the abdominal aorta is usually 2 cm
and that of the common iliac arteries is 1.4 cm. The abdominal aortic
bifurcation angle is usually 38◦ . These geometric parameters can change
quite significantly in pathological cases [Sun et al. 1994].

1.1.1

Atherosclerosis

Atherosclerosis is the most common form of vascular disease and complications arising from it are the leading cause of death in western societies
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(b)

Figure 1.1: (a) The human cardiovascular system. The abdominal
bifurcation is the splitting of the abdominal aorta into the common iliac
arteries. (b) The structure of an artery. Image by Stijn A.I. Ghesquiere
- www.applesnail.net.
[Glass and Witztum 2001]. It is characterised by a chronic inflammatory response in the arterial wall and the accumulation of fatty deposits
which causes its progressive thickening. It can eventually lead to the
development of complex lesions (plaques) which partially occlude the lumen, thus locally disturbing the blood flow and decreasing the amount
of nutrient-carrying blood which travels downstream. Ultimately these
plaque may rupture and lead to thrombosis, thus causing severe clinical
complications which may result in myocardial infarction or stroke.
Both atherosclerotic plaque formation and plaque rupture are complex,
multifactorial processes in which haemodynamic flow patterns play an
important role. Indeed, there is a significant correlation between areas of
increased haemodynamic strain and areas where atherosclerotic plaque
preferentially develops [Dai et al. 2004]. It is hypothesised that the
main reason for this is that the infiltration of low-density lipoproteins
(LDL) from the lumen, through the endothelium and into the intimal
layer, which is considered an important precursor to plaque formation,
occurs preferentially at sites with low time-averaged wall shear stress
(WSS) but with a highly oscillatory nature, so a high oscillatory shear
index (OSI) [Olgac et al. 2008]. Once the atheroma (or plaque) is
formed in the arterial wall, it progressively fills with foam cells and
extracellular lipid droplets, which are surrounded by a cap of smooth-
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Figure 1.2: Atherosclerosis. Image courtesy of the National Heart,
Lung, and Blood Institute as a part of the National Institutes of Health
and the U.S. Department of Health and Human Services.
muscle cells and a collagen-rich matrix, thus constituting a hard shell
with a soft core of inflammatory response materials. The breaking of
this hard shell and subsequent leakage into the arterial lumen is known
as plaque rupture and leads to thrombosis, the formation of a blood
clot inside the vessel, thus obstructing blood flow. It is now understood
that myocardial infarction and stroke do not usually take place due to
progressive stenosis of the artery, as previously believed, but mostly
due to plaque rupture and thrombosis [Hansson 2005]. This typically
occurs in locations where the fibrous cap is thin and partly destroyed,
as caused by flow-induced weakening, so here again local haemodynamic
conditions play an important part. For these reasons much research has
been focussed on haemodynamic flow and its effect on atherosclerosis
[Moore et al. 1994, Thubrikar and Robicsek 1995, Buchanan et al. 2003,
Lee et al. 2008].

1.1.2

Aneurysms

Aneurysms are a vascular disease characterised by a progressive and
irreversible, balloon-like bulging of the arterial wall, which can eventually
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lead to rupture causing serious clinical consequences, such as stroke.
They can be either fusiform if they grow around the artery in a cylindrical
shape or saccular if they protrude from the vessel in a balloon-like shape.
The two most common types of aneurysms occur in the cerebral arteries
and in the abdominal aorta.
Cerebral aneurysms are usually found at the base of the circle of
Willis and are saccular in shape. They are typically asymptomatic and
consequently are mostly only discovered after they have ruptured, thus
causing a stroke and potentially serious neurological damage. Cerebral
aneurysms are common, being found in approximately 2% of the adult
population. The vast majority of these aneurysms are small (≤ 10mm)
and asymptomatic. The annual risk of rupture has been estimated to be
approximately 0.7% [Rinkel et al. 1998].

(a)

(b)

Figure 1.3: (a) Thoracic and abdominal aortic aneurysms. (b) Cerebral
aneurysm. Images courtesy of the National Heart, Lung, and Blood
Institute as a part of the National Institutes of Health and the U.S.
Department of Health and Human Services.
Abdominal aortic aneurysms (AAA) most commonly occur distal
to the renal arteries and proximal to the abdominal aortic bifurcation.
They are also asymptomatic until they rupture, usually provoking death
within a short delay. Fifteen thousand people die every year from AAA
rupture in the United States alone, making it the 13th leading cause
of death in this country [Gillum 1995]. The prevalence rates of AAA
are between 1.0 and 2.0% in women and 1.3 − 8.6% in men. AAA are
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asymptomatic and a vast majority of them stay small and are never
diagnosed, however they can dramatically increase in size, leading to
rupture - which is fatal in 65 − 85% of cases [Sakalihasan et al. 2005].
Lifestyle has a large impact on the incidence of AAA, e.g. smokers
have 4x higher probability of having an AAA than life-long non smokers
[Vardulaki et al. February 2000].
Histologically, aneurysms are characterised by destruction of elastin and
collagen in the media and adventitia, smooth muscle cell loss with thinning of the medial wall, infiltration of lymphocytes and macrophages and
neovascularisation [Lopez-Candales et al. 1997]. As the two diseases often occur simultaneously, it was thought that atherosclerosis played an
important role in the development of aneurysms, but in recent years this
theory has lost ground [Grange et al. 1997] and the important role of
matrix metalloproteinases (MMPs) has come to light [Sakalihasan et al.
2005].
The pathogenesis of aneurysms is complex and multifactorial, involving
biochemical, biomechanical and genetic factors as well as lifestyle influences. The interplay of all these actors makes it very difficult to pinpoint
what exactly causes aneurysms in the first place and this is still the subject of much ongoing research. The fact that aneurysms typically occur
at well defined locations which correlate well with areas of disturbed flow
conditions has led to the hypothesis that flow-related lesions could be a
crucial factor in aneurysm pathogenesis and much research has gone in
this direction [Tang et al. 2006, Steinman et al. 2003]. Additionally the
likelihood of aneurysm rupture is also thought to be conditioned by the
local haemodynamics [Sekhar and Heros 1981], and consequently a significant research effort has been dedicated to simulating the fluid-structure
interaction (FSI) of the aneurysm and the blood flow in the hope of
predicting the rupture location and probability [Scotti et al. 2005,
Borghi et al. 2008].

1.1.3

Treatment of Vascular Diseases

The treatment of CVD in early phases can rely on medication, but in
in more advanced situations surgical treatment becomes necessary. In
the case of cerebral aneurysms, either the aneurysm is clipped in open
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surgery or it is coiled during a minimally invasive intra-vascular intervention. Both operations have a non-negligible associated risk and intraand post-operative morbidity and mortality are high. For treating AAA,
similar choices are available: either an aortic resection is performed in
open surgery or a stent graft is placed in a minimally invasive fashion.
The stent graft approach has proven significantly better than aortic resection but it is still a delicate procedure with an risks involved.
There is currently no reliable way of estimating an aneurysm’s risk of
rupture, the diagnosis being usually based on the aneurysm size [international study of unruptured intracranial aneurysms investigators 1998].
For example in the case of AAA, the gold standard for deciding whether
an intervention is necessary is to check whether the aneurysmal diameter
is larger than 5cm, in which case it is considered dangerous and is elected
for a surgical repair [Uflacker and Robison 2001]. This poses a serious
problem to physicians: as the prevalence rates for both intracranial and
aortic aneurysms are high, but the rupture risk is low, the risk associated with performing a surgical intervention might in fact be higher than
the risk faced by an untreated patient. Clearly, more precise tools are
needed to aid clinicians in taking this decision.

1.2

Medical Imaging Modalities

Nowadays the diagnosis of most vascular diseases depends heavily on
modern medical imaging modalities. Indeed, these offer the physician
the unique opportunity of seeing inside the patient’s body while inducing minimal discomfort and inconvenience. Three imaging modalities
are particularly relevant to this thesis: ultrasound, which is the most
common tool used for diagnosing many vascular pathologies such as abdominal aortic aneurysms and has blood flow velocity measurement capabilities; computed tomography (CT), which is currently the most accurate modality for visualising vascular geometry and magnetic resonance
imaging (MRI), which - due to its very multifunctional nature - can be
used amongst others to visualise geometry, blood flow patterns or to
differentiate various tissue types.
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Ultrasound

Ultrasound, also called sonography imaging, is one of the most common medical imaging modalities available today and has a wide range
of applications. Its relatively low cost and non-invasive nature makes
ultrasound the modality of choice for many diagnostic procedures, such
as pre-natal visualisation of foetuses and imaging of abdominal organs
or of the heart. Ultrasound images are real-time which make it useful
for assessing displacement of various organ structures through time.
It works by emitting high frequency sound waves which are reflected
back to the device at tissue boundaries, thus forming an image. The
penetration depth of ultrasound in tissue is not very high, especially in
the presence of bones. Also gaseous pockets make it difficult to produce
a clear image. Consequently, the quality of ultrasound images is somewhat limited and their proper interpretation is very dependant on the
user’s level of experience. An ultrasound image of the abdominal aortic
bifurcation can be seen in Figure 1.4 (a).

Doppler Ultrasound
The sound waves reflected off moving particles present a phase shift also
known as the Doppler effect. This allows ultrasound devices to generate
images of the blood flow velocity in what is called Doppler ultrasound
imaging. Figure 1.4 (b) shows such an image with the temporal evolution of blood velocities spatially averaged over a chosen area. Just like in
standard ultrasound imaging, the experience of the user is paramount to
achieving accurate flow velocity estimates and the large number of random error sources [Gill 1985] make this modality inadequate for accurate
flow field quantification.

1.2.2

Computed Tomography

CT uses several X-ray measurements taken from different angles around
the body to recreate a highly accurate image of the body’s interior. By
doing this for several slices a 3D image of the body interior can be reconstructed, with high in-plane resolutions reaching 0.3mm. Functional
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(b)

Figure 1.4: Doppler ultrasound imaging of the abdominal aortic bifurcation. (a) Ultrasound anatomical image. (b) Doppler ultrasound image
showing the temporal evolution of the flow velocities. Images courtesy
of the Institute for Diagnostic Radiology, University Hospital Zurich
imaging such as measuring flow is not possible using CT. However, by
injecting a contrast agent to highlight vascular anatomy, one may obtain
very detailed morphological images of blood vessels. This is known as
CT angiography and an example is shown in Figure 1.5. This modality
is typically used for diagnosis of cerebral aneurysms and the associated
treatment planning. It is also very commonly used for angiography of
the coronary arteries, to assess the risk of ischemic heart disease.
As it uses X-rays, which are mutogenic, CT presents some risks to the
patient and is only used when the information delivered is essential for
diagnosis or treatment. CT scans are also not well suited to differentiating various types of soft tissue. So for e.g. neurological or oncological
imaging, where high inter-tissue contrast is important, MRI is generally
preferred.

1.2.3

Magnetic Resonance Imaging

MRI exploits nuclear spins for image formation, by placing the patient
in a strong magnetic field which aligns the magnetic spins (usually of the
protons in water molecules) and then uses radio frequency (RF) pulses
to flip the spins locally out of alignment. The following relaxation process creates a signal which is detectable by the receiver coils. From this
signal, the spin density and the time it takes the spins to realign (relaxation time) can be measured, making it possible to differentiate between
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(a)

(b)
Figure 1.5: CT data. (a) Slices from a CT angiography dataset. (b)
Some anatomical structures segmented from the same CT dataset. Images courtesy of the Institute for Diagnostic Radiology, University Hospital Zurich

various types of tissue and create an image. The spatial localisation is
achieved by applying another magnetic field to produce a magnetic field
gradient. As the resonance frequency is dependant on the local magnetic
field it becomes dependant on the spatial location.
A big advantage MRI has over CT is that it does not expose the patient
to ionising radiation. Unfortunately this comes at the price of a restricted
resolution. Indeed typical MRI devices can reach approximately half
the resolution of usual CT systems in-slice and usually produce highly
anisotropic images with larger slice thickness. Also, the image formation
process takes much longer, limiting the achievable temporal resolution.
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Phase Contrast MRI
As mentioned earlier, MRI is able not only to image anatomy, but also
has a large palette of functional imaging capabilities. One of these is the
capacity to measure flow velocity in a patient. Indeed, using a technique
known as phase-contrast MRI (PC-MRI), it is possible to deduce the
displacement velocity of particles in the body, typically of blood flowing,
by using a special imaging sequence. A bi-polar gradient pulse is used
to induce a phase-shift in the signal returned by flowing materials which
is proportional to the flow velocity. By using bi-polar pulses in three
orthogonal directions successively, one may reconstruct the flow velocity
orientations and magnitudes in all voxels in the region-of-interest.

(a)

(b)

Figure 1.6: MRI. (a) A slice from an MRI dataset of the lower abdomen,
just distal to the abdominal aortic bifurcation. (b) The cropped PCMR image of the out-of-plane flow velocity for the same slice, showing
the common iliac artery locations. Images courtesy of the Institute for
Biomedical Engineering, ETH Zurich.
This is currently the most accurate way of imaging the velocity of flowing particles in-vivo. This technique is able to provide a 7D dataset
which stores the three components of velocity for each voxel of the volume at any number of points in time with the same spatial resolution as
standard MRI. Nevertheless, due to limitations in acquisition speed, it
is not possible to achieve both high spatial and temporal resolution over
a larger volume of interest. This implies the use of a technique known
as cine imaging, whereby image data is collected over many cycles of
periodic motion and then retrospectively compiled into a single data set
to produce a time series of volumetric images [Glover and N.J. 1988].
To assign images to the correct time frame, ECG gating is used. Con-
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sequently, for any given time frame, neighbouring voxels may not have
been recorded at the same time point, but rather at the same phase
of the heart cycle but at different times. This can lead to inconsistencies, especially if the patient has a variable heart rate, which makes the
imaging of complex time-varying flow patterns difficult.
The accuracy of PC-MRI is approximately 5% of the maximum phase
encoding velocity (VENC), which defines the span of measurable velocity values. This means that smaller velocities cannot be accurately
measured, especially if they occur in the neighbourhood of fast flowing
media requiring the use of a high VENC. Any velocities which exceed
the VENC fold around and are assigned erroneous values. An additional
error source is the partial volume effect inherent to MRI. This is the
averaging of values within one voxel. So e.g. flow velocities which share
a voxel with a static or slower object such as the vessel wall will appear
to be moving slower.
PC-MRI is able to provide a wealth of information, which can be very
accurate, especially for large vessels during the systolic phase when blood
is flowing fast. However, for diagnostic purposes related to vascular disease one is especially interested in low velocity flow features close to the
wall as these dictate the WSS patterns. Unfortunately, for the reasons
listed above, these are exactly the locations where PC-MRI measurements will be inaccurate. Estimating WSS directly from PC-MR images
has been proposed [Oyre et al. 1998, Papathanasopoulou et al. 2003]
and does work to a certain extent, but in non-trivial geometries presenting recirculations and complex flow patterns close to the wall, obtaining
an accurate estimate in this way becomes difficult and measuring the
OSI, which is derived from the time-resolved WSS measurement is even
more inaccurate.

1.3

Physiological Simulation

In section 1.1, vascular pathologies have been discussed and it was pointed
out that their onset and development is linked to the local haemodynamic conditions, in particular to the WSS and OSI. WSS is computed
from the gradient of flow velocities close to the wall, meaning that it is
extremely sensitive to any inaccuracy in the velocity measurement. In
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section 1.2, the various applicable imaging modalities were discussed and
even though both Doppler ultrasound and PC-MRI are able to measure
local blood flow properties, neither is capable of providing an accurate,
time-resolved description of the intricate flow patterns close to the arterial wall.
Therefore, alternative solutions were sought and researchers turned to
computer simulation, the idea being that if one could simulate the flow
using geometries and boundary conditions provided by in-vivo measurements, it would be possible to achieve any desired level of accuracy and compute WSS as well as other flow-derived quantities from
the simulated flow field. In a first step, computational fluid dynamics (CFD) simulations were performed to investigate the flow conditions in locations where vascular diseases typically occur. These revealed areas of low WSS and high OSI which correlated well with typical
plaque development or aneurysmal wall weakening [Friedman et al. 1981,
Ku et al. 1985].
With computer technology and simulation techniques moving forward
hand in hand, more complex models became available making FSI simulations feasible. These enable considering wall deformation and studying how this interacts with the blood flow. It also allows for computing intra-mural wall stress (IWS). This is especially useful when assessing aneurysm rupture risk and it has been shown that FSI provides a
better rupture risk estimation than standard diameter-based heuristics
[Fillinger et al. 2003]. Research is now being focussed on considering
biochemical aspects in comprehensive models, thus adding still further
information to the simulations and providing methods for e.g. predicting
accumulation of particular organic compounds in the arterial wall [Olgac
et al. 2009].
Most computational models are used for recreating the physiological conditions in geometries of interest and understanding the local haemodynamics and the biomechanical strains in the arterial walls, however, simulation tools may also be used for prediction and this is becoming a
strong research focus. Indeed, given the current state of a system and a
sufficiently detailed modelling framework, it becomes possible to investigate long-term evolution and predict the appearance or development of
vascular diseases and even to analyse the impact of changes in lifestyle
or use of medication on a patient-specific basis. Of course this comes at
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the cost of considerable computational complexity and inevitably with
a large engineering overhead.
The possibilities offered by simulation tools may seem almost limitless,
however it must be remembered that certain limitations are to be considered when they are applied to bio-medical problems. These tools were
developed in the field of mechanical engineering, where two very important conditions are met. Firstly, the geometry can always be described
with a very high accuracy as one principally deals with man-made objects, where the dimensions are either known or measurable and the
shapes can usually be represented analytically. This is also true for the
boundary conditions and material properties, which are either given or
can be measured very accurately. Secondly, validation is possible in most
cases: should one want to assert that a simulation is indeed producing
realistic results, one can experimentally recreate the desired conditions
to test this assertion. In the case of bio-medical simulations, these two
conditions usually do not apply. The geometries, boundary conditions
and material properties necessary to constrain a patient-specific simulation must be measured in-vivo, relying on modalities which are not
highly accurate as compared to those used to characterise man-made
objects. This results in significant uncertainties in the input data and
also means that a great many assumptions must be made about the
patient-specific properties of the model, which ultimately may make it
more generic than specific. Validation is also difficult, as this requires
high precision measurements to compare against simulation output variables, which again are very challenging to acquire in-vivo. This results in
major limitations for the applicability of such simulation tools with respect to bio-medical problems and when using them to reach diagnostic
or therapeutic decisions, they often must be rather considered as additional sources of information along with other measurement data which
the physician needs to consult.
In the rest of this section, we will concentrate on the methods currently
used for physiological modelling, so as to provide the reader with a basic
understanding of what is needed to perform a state-of-the-art, patientspecific biomechanical simulation. This thesis mainly deals with blood
flow simulations and FSI, so multiphysics modelling incorporating biochemistry will not be further discussed.
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Model Building

The first step in any patient-specific simulation procedure is to generate a model of the concerned geometry based on in-vivo measurements.
The objective of this procedure is to capture the geometry of the biological structure of interest from the image volume and convert it to a
format which can then be used for computational analysis and simulation. This format is usually a mesh - a cloud of points linked by edges
to form a set of polyhedra. For biomedical models, due to the often intricate nature of the geometries, these meshes are usually unstructured
tetrahedral meshes. This intuitively simple task, illustrated in Figure
1.7, turns out in practice to be a major challenge in biomedical modelling. Indeed, biological structures often present complex geometries
with important features at varying scales and the available imaging data
is frequently noisy or has insufficient resolution to adequately capture
them. To complicate things even further, the simulation framework also
sets certain constraints for the required mesh. For example, the convergence properties of many flow simulation tools depend on the mesh
being of good quality, requiring refinement close to sharp features and
keeping the volume ratios of neighbouring elements within strict limits.
Mesh generation can also present technical difficulties as data volumes
from modern medical imaging modalities can be very large and running
segmentation and meshing algorithms on them may become computationally very expensive.

Figure 1.7: Mesh generation from medical images, in this case extraction of an abdominal aortic bifurcation mesh from a CT dataset.
For all these reasons, generating a usable mesh from a medical data
volume automatically is a still a very intricate problem for which there
is currently no generally satisfying solution available, despite intensive
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research. A vast number of approaches have already been proposed
but still none has succeeded in providing a general-purpose, interactionfree mesh generation procedure. This means that mesh generation from
biomedical images still requires a lot of manual work and is a major
bottleneck for simulations based on in-vivo data.
The processing pipeline usually consists of the following components:
1. segmentation;
2. surface mesh generation and cleaning;
3. volumetric mesh generation and optimisation.
Segmentation is the splitting of the raw image into that part which
is inside the geometry of interest and the one outside it (containing
everything else) and usually results in a binary data volume. It is a major
challenge on its own, but as the work in this thesis mainly concentrates on
the abdominal aortic bifurcation where high-contrast, easy-to-segment
images of sufficient resolution are widely available, it will not be discussed
in much detail. Specific segmentation algorithms need to be written
for every new anatomic structure and imaging protocol. Some of these
are very effective and provide fully automatic processing with no user
interaction. However, for most cases at least a little but often a lot of
manual work is needed and it is not uncommon for experts to spend
many hours working on a single data set, going through the data volume
slice by slice and delineating the relevant areas.
Surface mesh generation is the process by which a surface mesh,
usually composed of triangles, is fitted to the segmented data. This is
most commonly done using the marching cubes algorithm proposed by
[Lorensen and Cline 1987]. However, given the nature of medical images,
the surface mesh generated in this way is more often than not of bad
quality and therefore cannot be fed directly to a mesh generator. So
here again much manual work is needed to improve these meshes and to
highlight the features of interest so that they are not lost.
Volumetric mesh generation itself is a huge topic of research. Indeed,
scientists from a wide variety of fields, such as mechanical engineering,
computational science, mathematics and many others have tackled this
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problem, either seeking a solution to suit their own needs or working on
more general approaches. As of yet no global solution has been found,
but a great variety of methods have been proposed and it is usually
possible to find one that reasonably matches one’s requirements.

1.3.2

Flow Simulation

Navier-Stokes Equations
Flow simulations aim to solve the Navier Stokes equations numerically.
These are conservation laws, universally applicable to all flowing media.
For an incompressible flow of density ρ and viscosity η, they read as


∂u
ρ
+ u · ∇u − η∇2 u + ∇p = 0
(1.1)
∂t
and
∇·u=0

(1.2)

in compact tensor notation. Equation 1.1 describes the conservation
of momentum and is consequently known as the momentum equation.
Reading it from left to right it may intuitively be understood as followed:
momentum is gained or lost by transient effects (first term), convective
motion (second term), diffusive effects (third term) and pressure gradients (fourth term). Additionally we assume that the flow is incompressible, which is implemented in the second equation: Equation 1.2, known
as the continuity equation. These two non-linear equations need to be
solved simultaneously in a coupled manner. Counter-intuitively, the fact
that pressure does not appear in the continuity equation makes it difficult to solve them numerically. In fact the continuity equation is a very
rigid constraint as it needs to be fulfilled over the whole domain at all
times, so e.g. if a tiny volume of flow enters the domain, an equal volume
of flow must leave the domain simultaneously: meaning we have instantaneous transfer of motion across the entire domain even if it is infinite.
In this sense the incompressible assumption is non-physical and results
in a rigid equation system, which makes incompressible flow simulation
numerically demanding.
When studying flow through arteries, one may assume laminar flow.
Indeed it was found that even in the aorta, where the highest Reynolds
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numbers in the body occur, the flow remains laminar even if it is already
transitional [Egelhoff et al. 1999, Leung et al. 2006]. This fortunately
relieves one from having to add a turbulence model to the equation
system.

Blood Viscosity
The exact definition of blood viscosity η is not completely trivial. Indeed,
blood is a non-Newtonian fluid, meaning that the viscosity depends on
the shear stress and so the stress-strain relationship is non-linear:  =
1/η(τ )τ , where τ is the shear stress and  is the strain rate. Moreover,
the viscosity of blood changes across spatial scales, e.g. in the capillaries
it is highly non-Newtonian and can even be considered a two phase flow
as the red blood cells, being of approximately the same diameter as the
vessels they are travelling through, have a dominating influence on the
haemodynamic properties. At the other end of the spectrum, in large
blood vessels such as the aorta or the common carotid arteries it can
be considered Newtonian as in these wider vascular structures and at
higher velocities the non-Newtonian effects become negligible.
It must be noted that there is some debate over this point: [Perktold
et al. 1991a] numerically showed that for a carotid bifurcation the nonNewtonian effects were negligible, however, [Gijsen et al. 1999] questioned this, supported later on by [Chen and Lu 2004]. They argue that
the shear thinning effects, inherent to non-Newtonian fluids, play an
important role in local haemodynamics. Nevertheless, they agree that
velocity, WSS and OSI distributions are predicted correctly by both
models, there being only a quantitative difference: the non-Newtonian
model seems to overestimate convective effects and tends to slightly exaggerate maximal and minimal values. Given the small difference in
results and the large computational overhead needed to simulate nonNewtonian fluids, most researchers approximate the viscosity as being
constant, especially when simulating flow in the aorta, the largest blood
vessel in the body with the fastest flow. Examples of such simulations
using constant viscosity models for abdominal aortic flow simulation can
be found in [Friedman et al. 1981], [Moore and Ku 1994], [Taylor et al.
1998], [Steinman et al. 2003] and [Borghi et al. 2008]. Moreover, even
for smaller structures such as those used in the simulation of intracranial
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aneurysms, Newtonian flow models are widely used [Torii et al. 2007,
Dempere-Marco et al. 2006].
Discretising the Flow Equations
To be able to solve Equations 1.1 and 1.2 numerically, they must first
be discretised over the computational domain (the mesh). There are
many approaches for doing this, but currently the finite volume method
(FVM) and the finite element method (FEM) are the most popular,
FVM still being slightly preferred by the CFD community, while FEM is
catching up fast and is already broadly used in the solid modelling and
multiphysics communities due to its very modular nature.
In FVM, the equations to be solved are written in terms of fluxes in or
out of the faces of each finite volume (cell of the mesh) which are then
summed up and set to cancel to ensure energy conservation. The data
are usually stored in the cell centres and the accuracy of the scheme is
heavily dependant on the size of the element. FVM has the advantage
of being intuitive and relatively easy to implement.
FEM, on the other hand, is much less intuitive. The solution variables
are stored at the element nodes and their value in the cell interior is expressed using element shape functions. The equations are then rewritten
in a weak formulation, by expressing them as functions of the element
shape functions, weighting them with some test functions and then integrating them over the cell interior. A key advantage is that the element
shape functions can be of any order and one may obtain accurate solutions even with a limited number of elements.
Boundary Conditions
Once the geometry is defined (by the mesh) and the equations have
been correctly discretised, boundary conditions still need to be added
to constrain the system so that only one possible solution may exist.
This is called a well-posed problem. For the incompressible NavierStokes equations, to obtain a well-posed problem for a pipe-like geometry
such as an artery, one needs to impose, for example, no-slip conditions
(velocity = 0) at all walls, a velocity profile at the inlet, a gradient
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condition (∂Φ/∂~n = 0) at the outlet and the pressure needs to be given
for at least one point. The actual value of the pressure at this point is
irrelevant in the case of a purely fluid dynamical simulation as only the
relative pressure differences are of interest.
To fulfil these conditions for the case of a vascular flow simulation based
on in-vivo measurement data, one needs to have an estimation of the
flow velocity profile at the geometry inlet. Often this is very difficult to
measure accurately (see discussion in section 1.2) so a spatially averaged
or a maximum value is taken (typically measured using Doppler ultrasound) which is then fitted to an analytic flow profile. The analytical
flow profile can be a paraboloid (plug flow), as one would get from a
steady state solution or a flow satisfying the Womersley equation [Womersley 1955], which is the analytical solution for oscillatory flow in an
axis-symmetric pipe. Whatever the profile, it needs first to be mapped
onto the computational domain’s inlet [Boutsianis et al. 2008].
Of course the accuracy of these estimations with respect to what is actually happening in the body is limited, as they do not take into account
any upstream disturbances, skewness in the flow profile or even backflow effects. This is a serious problem as, given a known geometry, the
boundary conditions uniquely define the solution, leaving no option to
the user to influence the solution in any other way. Also, as these estimations are averaged from often spatially-resolved data, most of the
measured information is being neglected.

1.3.3

Wall Modelling

FSI simulations add a whole new layer of complexity to flow simulations.
They integrate a wall deformation model which captures the stresses and
strains in the arterial wall. The main interest is to detect peaks in the
local IWS patterns which could lead to fibre degradation, development
of vascular disease or even rupture.
There are many different levels of realism one may use to model arterial
walls. They can be modelled as linear elastic or non-linear viscoelastic or
hyperelastic, isotropic or anisotropic to capture the dominant fibre orientations and single or multilayer, see [Zhao et al. 1998] for a comprehensive review. When considering non-linear wall behaviour, further design
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Figure 1.8: Schematic example of a patient-specific flow simulation.

decisions must be made as to which model to use from a vast number of
available approaches to be found in the literature. Despite all this richness, many researchers use the simplest assumptions: i.e. homogeneous,
isotropic and linear-elastic material. This is done partly for practical
reasons, as each added contribution to realism enormously increases the
computational complexity of the simulation, but also because within the
loading range found in the large arteries of a healthy human, the stressstrain curve is almost linear and so this simplified model represents a
reasonable assumption [Torii et al. 2007, Leuprecht et al. 2002]. For
non-linear stress-strain relationships the hyperelastic model by [Raghavan et al. 1996] has recently gained in popularity [Di Martino et al. 2001,
Scotti et al. 2005]. This models the stress-strain response of the wall
as a function of the principle load-bearing fibres in vascular structures:
elastin and collagen. Collagen fibres are much stiffer than elastin but
they are tortuous, so only contribute to the load-bearing properties of
the vessel at large deformations, thus giving the vessel wall a non-linear
response to strain.
Obviously one also needs a mesh for the wall domain as seen in Figure
1.9. This can be built by segmenting the arterial wall out of the original
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data volume for maximum fidelity, but more commonly it is extruded
from the flow mesh using a mean measured wall thickness.

Figure 1.9: Mesh of the wall cut away to reveal the fluid domain mesh
(of an abdominal aortic bifurcation) as prepared for an FSI simulation.
Once the mesh becomes available and an appropriate wall model has
been chosen, the type of interaction with the flow domain needs to be decided upon. Here again there are several possibilities which can broadly
be split into three categories: 1. uncoupled, 2. loosely coupled and 3.
fully coupled. Uncoupled models basically ignore any results from flow
simulation and simply impose a physiological pressure profile on the endothelium. Loosely coupled ones only take into account the one-way
coupling: so the shear stresses caused by the flow as well as the local
variations in the pressure field are used to constrain the wall’s structural
deformation model but its behaviour has no influence on the flow. Fully
coupled FSI simulations on the other hand reproduce two-way coupling:
so the fluid domain expands and shrinks as the oscillatory pressure waves
dilate and contract the vessel walls. This is usually implemented via the
Arbitrary Eulerian-Lagrangian (ALE) formulation.
Performing a fully-coupled FSI simulation is a computationally daunting
task and this overhead is not always justified. Indeed, studies interested
in predicting aneurysm rupture [Leung et al. 2006] found that uncoupled solid stress models performed equally well, with much less need for
computational resources. Of course, for the ongoing research into fully
understanding the links between vascular haemodynamics, biochemical
processes and disease development, fully coupled FSI remains an indispensable tool which could well spawn some innovative solutions.
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Computational Complexity

The numerical accuracy of any flow solver is limited by the mesh resolution. When a problem converges to the same solution, even when
the mesh resolution is doubled, it is known as a grid-independent solution. To achieve this, one usually has to use a high number of mesh
elements and consequently wait a long time for the solution results. This
is already the case for solving a simple steady-state flow solution. With
every added layer of non-linearity such as transient computation, nonNewtonian fluid, FSI, non-linear constitutive wall model and so on, the
time needed to solve the problem increases roughly by an order of magnitude. The computing power available has never stopped increasing
during the last decades, but recently a plateau can be observed as single
processors are no longer getting significantly faster. Parallel computing
has been identified as a solution, but this virtually unlimited multiplication of computing power is still under-exploited by the CFD community.
Indeed, the Navier-Stokes equations are notoriously difficult to parallelise and attempting to do so still requires special tricks such as domain
decomposition and often a lot of manual work. In spite of steady progress
being made every day to improve this situation, for the time being and
in the immediate future, solving a patient-specific flow problem via CFD
cannot be performed in a clinically acceptable timeframe. Even if assuming that reasonably scalable parallelisation approaches will become
available, researchers and medical staff will want to solve even more
complex problems, covering FSI, multiphysics, biochemistry and so on.
As a consequence, the issue of computational complexity will remain a
hindrance to the clinical use of biomechanical simulations unless some
other paradigm can be found.

1.4

Contributions of this Thesis

As described above, vascular diseases are the most common cause of
death in the western world and their pathogenesis and development is
tightly linked to the local haemodynamic conditions in the concerned
blood vessels. Modern medical imaging modalities do offer some options
for quantifying patient-specific blood flow in-vivo, but are not accurate
enough to measure the small details which are so clinically relevant.
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While there are a wide variety of simulation tools being used to fill this
gap, none of them are clinically usable today for two reasons: firstly they
require vast computational effort and therefore have run-times which
are clinically unacceptable; and secondly they use input from imaging
modalities which cannot always be trusted and make assumptions which
are impossible to validate in a patient-specific way. The error-prone
geometry and boundary condition measurements uniquely define the solution, leaving very little margin for influencing the outcome. One often
has more useful information from medical imaging than can be used to
constrain the simulations and this information is currently being ignored
instead of employed to increase the fidelity of the numerical model. So
despite having high definition imaging modalities and powerful simulation tools, the difficulties linked to combining the two effectively leave
physicians with no option but to ignore the wealth of information which
detailed blood flow analysis could bring and simply use inaccurate heuristic estimations to make important diagnostic or therapeutic decisions.
It is therefore the objective of this thesis to shed new light on the
enhancement of medical images with detailed, patient-specific haemodynamic information by proposing an alternative to modern-day imagingfollowed-by-simulation approaches. This new approach must fullfill two
basic criteria:
1. provide accurate flow field estimates in a clinically feasible timeframe and
2. include as much measured information as possible.
To achieve this objective, the traditional pipeline of medical imaging model generation - flow simulation was studied in detail and alternatives
were sought. Several contributions were made along the way to optimise
existing procedures. The contributions of this thesis can be divided into
4 main pillars:
• mesh generation,
• flow simulation,
• aneurysm pathogenesis,
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• flow measurement enhancement.
Mesh generation based on medical imaging datasets, as mentioned in
1.3.1, is far from being a fully automatic procedure and much manual
work is still needed. The main issue is often the quality of the surface
mesh, which causes most standard volumetric mesh generation packages
to produce bad meshes or even to fail completely. The first contribution
of this thesis is a new surface mesh generation tool which accepts
as input a binary data volume or any form of surface mesh, even completely degenerate and is able to produce a clean high-quality triangular
surface mesh suitable to volumetric mesh generation. In fact the proposed method is also able to generate volume meshes and therefore can
be used as a standalone tool if no better alternatives are available. We
rely on a physically-based particle cloud method, which makes it conceptually simple and easy to implement.
Computational flow simulation is a well established research topic, which
still stimulates a large community of scientists and engineers to actively
develop new tools and applications. However, the simulation of bio-fluids
is a relatively recent area posing new challenges. Indeed, the complex
geometries, measurement difficulties and intricate FSI coupling needed
for such problems make the application of standard CFD tools very
delicate and computationally expensive. Only with the recent advent
of parallel computing and the associated technological leap forward are
they becoming more accessible. For these reasons only very few scientists such as [Tezduyar 2001] actually developed, validated and compared
new codes specifically tailored for bio-fluidics. The second contribution
of this thesis is a novel flow solver implementation, based on a recently proposed FVM method by [Date 2005] and co-developed with the
Department of Mechanical Engineering at the Indian Institute of Technology Kanpur, which is explicitly written for blood flow simulation in
arteries. This new solver was validated using standard CFD methods and
tested on the abdominal aortic bifurcation flow problem, which presents
some very interesting flow characteristics. It was also tested against an
FEM flow solver, which was co-developed during the work on this thesis,
thus providing the community with an explicit FVM vs FEM comparison for a bio-medical flow simulation and some very useful insights into
design decisions for this kind of numerical problem.
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The third contribution of this thesis is an FSI exploration of aneurysmal growth, which is meant as an application example for the previously developed tools towards a better understanding of aneurysm development. A patient-specific model of a non-pathological abdominal aortic
bifurcation was artificially weakened, thus mimicking the initiation of an
aneurysm and FSI simulation was performed to gain an understanding
of how wall remodelling affects the flow and how this in turn influences
the wall mechanics. It was demonstrated that a snowball effect exists,
whereby the aneurysm expansion leads to lower WSS and higher IWS,
thus contributing to promote pathological growth even further. This
correlates well with the behaviour which has been observed in aneurysm
development [Limet et al. 1991].
Based on these new tools and understanding, it became possible to
approach the main problem at hand, namely: making the richness of
biomedical simulation available in the clinics, serving as a toolbox for
assistance in predicting the appearance and development of vascular disease in a patient-specific manner and offer insights to the physician for
taking important diagnostic and therapeutic decisions. To achieve this,
the traditional complexity of modelling and simulation needs to be bypassed and a flow enhancement method needs to be integrated directly
into the imaging console. At this point several theoretical approaches
were considered, amongst others a statistical method adapted from statistical shape modelling - a well-known medical image computing technique. Hence, the fourth contribution of this thesis is an exploration
into the use of statistical methods for enhancing medical imaging modalities, which was performed first on simplified 2D artificial
datasets to limit the implementation overhead.
This image enhancement technique displayed good performance in the
initial study and so it was decided to further research on this topic.
The way it works is by storing a large amount of pre-computed patientspecific simulations in a database and then, given a PC-MRI measurement from a new patient, the information in the database is combined
with the measured data to provide a fast estimate of the blood flow in
the new patient. This presents two major advantages over traditional
CFD approaches: it is very fast as no simulation need be performed to
produce the solution and it integrates a maximal amount of information
from the measurement data. As the variability of the 2D dataset was
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very limited, a second evaluation was then performed, this time using
3D simulations, whereby 600 synthetic geometries were generated and
leave-one-out tests were performed on 100 of them. Work was focussed
on establishing whether the relevant flow quantities, in particular WSS as
this is the most clinically relevant, were correctly predicted. This work
provides a validation for the flow measurement enhancement method.
Consequently, the fourth contribution of this thesis is the testing and
validation of this novel flow enhancement method.
In further work, clinical studies will have to be performed to ascertain
how well the method works on real cases. However, the building of a
database with geometries from real patients is very challenging and timeconsuming. Therefore the fifth and last contribution of this thesis is a
method for efficient semi-automatic mesh generation of corresponding meshes to be used for preprocessing all the patient data in
the aim of testing the flow measurement enhancement method on real
data. This is a new template mesh deformation technique, specifically
adapted to tubular vascular geometries and it is shown to be robust even
to pathological cases.

1.5

Organisation of this Thesis

Each contribution listed above has been published as an article in a peerreviewed journal or conference. Therefore the following chapters of this
thesis are the corresponding papers, in their published form, as listed
below.

Chapter 2 High Quality Surface Mesh Generation for Multi-physics
Bio-medical Simulations, as published in the proceedings of the 15th
International Conference on Computer Science (ICCS) 2007.

Chapter 3 Simulation of Oscillatory Flow in an Aortic Bifurcation
Using FVM and FEM: a Comparative Study of Implementation Strategies, as published in the International Journal for Numerical Methods in
Fluids (in press).
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Chapter 4 A Multiphysics Simulation of a Healthy and a Diseased
Abdominal Aorta, as published in the proceedings of the 10th International Conference on Medical Image Computing and Computer-Assisted
Intervention (MICCAI) 2007.
Chapter 5 Exploring the Use of Proper Orthogonal Decomposition
for Enhancing Blood Flow Images via Computational Fluid Dynamics,
as published in the proceedings of the 11th International Conference on
Medical Image Computing and Computer-Assisted Intervention (MICCAI) 2008
Chapter 6 A Fast Alternative to Computational Fluid Dynamics for
High Quality Imaging of Blood Flow, as published in the proceedings
of the 12th International Conference on Medical Image Computing and
Computer-Assisted Intervention (MICCAI) 2009
Chapter 7 Efficient Generation of Corresponding Meshes for Biomedical Flow Simulations, as published in the proceedings of the 5th International Symposium on Biomedical Simulation (ISBMS) 2010

2
High Quality Surface Mesh
Generation for Multi-physics
Bio-medical Simulations
Publication by:
Dominik Szczerba Robert McGregor Gábor Székely
Proceedings of the 15th International Conference on Computer Science
(ICCS) 2007
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Abstract

Manual surface reconstruction is still an everyday practice in applications
involving complex irregular domains, necessary for modeling biological
systems. Rapid development of biomedical imaging and simulation, however, requires automatic computations involving frequent re-meshing of
(r)evolving domains that human-driven generation can simply no longer
deliver. This bottleneck hinders the development of many applications
of high social importance, like computational physiology or computer
aided medicine. While many commercial packages offer mesh generation
options, these depend on high quality input, which is rarely available
when depending on image segmentation results. We propose a simple
approach to automatically recover a high quality surface mesh from lowquality, oversampled and possibly non-consistent inputs that are often
obtained via 3-D acquisition systems. As opposed to the majority of
the established meshing techniques, our procedure is easy to implement
and very robust against damaged or partially incomplete, inconsistent
or discontinuous inputs.

2.2

Introduction

Generating a mesh is a necessary pre-condition when obtaining numerical solutions of partial differential equations. An adequate mesh highly
impacts both the accuracy and the efficiency of numerical procedures.
Since the inception of the finite element method dating back to the middle of the last century, automatic mesh generation with sufficient quality
over an arbitrary domain has remained a central topic of intensive research, without being able to reach a fully satisfying solution up to now.
Even though a tremendous number of approaches has been described, at
the end none of them offers truly interaction-free, general-purpose processing. From the perspective of half a century’s work it seems clear that
mesh generation, despite its scientific context and origin, bears every sign
of artistic sculpturing that escapes automation due to complex decision
making and continuous adaptation during the creation process. Interactive meshing is therefore an everyday practice in applications involving complex static domains. For man-made objects, usually emerging
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from CAD applications, even a few almost-automatic volume meshing
methods are available, like the advancing front technique [Schöberl 1997,
Tristano et al. 1998]. Such methods usually work very well for geometries represented as either a constructive solid geometry (CSG), nonuniform rational B-spline (NURB) patches, or by an already existing
surface mesh of sufficient quality. The rapid development of biomedical imaging and subsequent simulation, however, requires computations
involving frequent re-meshing of largely (r)evolving anatomical domains
that human-driven generation can simply no longer deliver. In these
applications the previously listed requirements hardly ever hold: a constructive geometry description of an anatomical domain may not make
any sense at all, NURB patches are obviously not available, and surface
meshes obtained directly from segmentation are generally of very low
quality, oversampled, often with broken topology. This serious bottleneck hinders development on many domains of high social importance
like computational physiology or computer aided medicine. The computational pipeline required for such applications can be sketched as
follows: data acquisition → domain segmentation → surface representation → volume meshing → discretization of governing equations →
solution. The data, acquired via imaging techniques like MRI, CT, US,
laser scanning, etc., becomes input to a segmentation procedure (see
e.g. [Yushkevich et al. 2006]). Quite rudimentary algorithms, like the
marching cube method [Lorensen and Cline 1987] are then used to represent the identified objects by volumetric or surface meshes, which are,
however, too low quality to be directly used for numerical simulations.
High quality surface reconstruction suitable as input to volume meshing
algorithms has therefore generated a lot of interest in computer science.

2.3

Related Work

Several established mesh simplification algorithms are available [Kim et
al. 2002, Balmelli et al. 2003]. The techniques include merging coplanar
facets, decimation, re-tiling, local re-meshing, vertex clustering, energy
function optimization, wavelet-based methods and many other. They are
very useful in downsizing of oversampled input meshes, such methods do
not aim, however, to improve input mesh quality.
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Figure 2.1: Fragment of a low quality, inconsistent and excessively
sized surface mesh obtained from the segmentation of a human lateral
ventricle (left), its high quality uniform (middle) and curvature-adapted
reconstruction (right). The upper and middle row shows patches of the
reconstructed surface with different magnifications, while histograms of
the corresponding triangle quality (normalized radii-ratios) are presented
by the lower figures.
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Automatic surface mesh generation from constructive solid geometry
(CSG) or stereo-lithography (STL) representations is largely used in
mechanical engineering (e.g., [Boender et al. 1994, Bechet et al. 2002,
Rypl and Bittnar 2006]). To derive a high quality surface mesh for
such representations, information about the object’s boundary elements
(faces, vertices) must be first extracted. This works very well for geometries which can be decomposed into simple primitives, however, the
required boundary evaluation using e.g. Bzier patches or algebraic surfaces does not always produce the expected results for inherently irregular and unpredictable physiological domains. Similarly, methods based
on feature recognition (e.g., [Cuilliere and Maranzana 1999, Chappuis
et al. 2004]) or surface parameterization (e.g., [Lee and Hobbs 1998,
Hormann et al. 2001]) suffer from the same fundamental limitation.
A robust and almost automatic surface reconstruction can be achieved
using knowledge based methods, as demonstrated by e.g. [Antiga et
al. 2002]. The approach to blood vessel meshing relies on medial axis
extraction and subsequent insertion of boundary faces along the sweeping
axes. Such methods can be attractive for specific cases where a priori
assumptions about the domains shape can be made, however, are far
from what can be called a versatile approach.
The family of algorithms based on computational geometry (e.g., [Frey
and Borouchaki 1998, Garimella et al. 2004, Montenegro et al. 2006]),
Delaunay refinement (e.g., [Oudot et al. 2005, Dey et al. 2005]) or
optimization principles (e.g., [Escobar et al. 2003]) is demonstrated to
often provide high quality outputs, in many cases with guarantees on
convergence and for lower limits on element quality. These sophisticated methods are generally very sensitive to the consistency, continuity
and differentiability of the input. In practice they often fail on real-life
biomedical data due to precondition violations. In addition they are
usually quite difficult to implement.
The number of approaches based on smoothing is too large to provide a
comprehensive summary in this overview. The basic idea behind them
is to relax the nodal positions such that the elements eventually become
evenly sized. Some more advanced versions attempt to eliminate the
shrinking effect (e.g. [Cebral and Löhner 2001]) by e.g. applying a band
pass filter or simply projecting the relaxed nodes back to the original
boundary. This often works sufficiently well if a topologically correct
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input mesh is available for the relaxation. In general, these methods
are easy to implement but suffer from loss of high frequency features.
In addition, they do not offer adaptive refinement options, which are
necessary for efficient numerical solution procedures.
The work reported in [Marroquim et al. 2005] demonstrates the ability of mass-spring dumper models to generate high quality tetrahedral
meshes by relaxing pre-refined and pre-compressed mass-spring connections, which, while expanding, naturally fill the volume constrained by
the boundary. The method is efficient and robust, if a (very expensive)
consistent volumetric representation of the input is available. Shortcomings include discontinuous refinement and resulting tetrahedralizations
not being of the Delaunay type. This method is similar to ours in that
it relies on physical and not on mathematical principles. The important
differences are that 1) we use a very cheap, possibly inconsistent input
represented as a polygonal mesh and not volumetric data; 2) we allow for
smooth refinement of the re-generated mesh and 3) we produce topology
conforming to the Delaunay condition.
To complete the survey, mesh-free approaches have also to be mentioned,
which eliminate the discretization problems inherent to meshes by fundamentally not relying on them. Even though it sounds very attractive,
these techniques are at their infancy while still relying on some local
topology. There are also somewhat exotic approaches based on fractal
geometries, chaos theories or neural networks that will not be discussed
here.

2.4

Method

We propose an iterative procedure as follows: 1. initialization; 2. removal of outside elements (if any); 3. calculation of reaction forces; 4.
time integration; 5. correction at boundaries; 6. convergence check,
eventual termination. 7. loop back to 2. The procedure is initialized by
a set of points filling the bounding box of the input surface (1). The loop
begins by the removal of the elements found outside the object (2). In
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subsequent steps, a physical equilibrium between the remaining points
is sought by enforcing a prescribed distance between points (3,4):
M

∂ 2~r
∂~r
+D
= F~r ,
∂t2
∂t

with F~r being the reaction forces and incorporating an internal energy
dissipation term regulated by D for stability. Special care is needed next
to the object’s boundary: the points there must be magnetically snapped
to it, allowed only to slide along the surface but not to detach (5). We
have tested both mass-spring dumpers and charged particle clouds for the
actual implementation and did not observe any qualitative differences. It
is only important to note that the structure must be initially preloaded
with some potential energy such that expansion forces act already during the early iteration stages. Also, we observed that somewhat better
results are achieved using magnetic and not Hookean reaction forces.
After some iterations (7), this procedure results in evenly distributed
points that very closely follow the surface features (6). Topology provided by a robust Delaunay connectivity algorithm [Barber et al. 1996]
produces a tetrahedral mesh of surprisingly good quality, but not free
from some badly conditioned elements (slivers). Their removal in general is far from trivial, but not impossible [Labelle 2006]. In fig. 2.2
we demonstrate that with an additional effort it is possible to repair
and re-use those tetrahedral meshes. A detailed description of how we
deal with this issue is, however, beyond the scope of this paper. However, often only a surface mesh is needed, e.g., for conversion to NURB
patches or simply to generate other volume elements then tetrahedrons.
In such cases, a surface mesh can be easily extracted by preserving only
the triangles having one adjacent tetrahedron and removing all others
(fig 2.1).
The procedure sketched above results in a high quality uniform mesh
closely following features of the input surface. However, to simulate
large domains, adaptive refinement is often sought to reduce the solution accuracy in the regions out of interest, and this way decrease the
load on the underlying PDE solver by reducing the number of finite elements used. Such adaptation can be achieved by modifying point-point
interactions to make the regional equilibrium radius correspond to the
locally requested element size instead of being a global constant. The
refinement map can be arbitrarily specified by the user or automatically
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derived from some selected features of the input, like the distance from
the boundary or the local curvature. If curvature or any other feature
is used, which is only defined on the object’s surface, its effect must be
propagated into the interior elements e.g. by diffusion:
∂c
= div(grad(c)) + Rc ,
∂t
with c the surface scalar to be distributed. The reaction term, Rc , is
necessary to control the magnitude of the resulting gradient of c inside the volume to ensure smooth distribution of the refinement map.
There are two possible choices to integrate this process into the discussed procedure: a multi-grid or a coupled method. In the first case a
desired refinement map is provided on an existing, previously generated,
uniform mesh and will be continuously interpolated onto a converging
refined mesh. This gives very good control of the adaptive refinement
process, but requires additional implementation efforts and computing
time. The second possible option is to formulate a coupled problem,
where the distance/curvature based refinement function is evolving simultaneously with the formation of the adaptive mesh, while using its
actual state for the numerical representation of the map. This is much
easier to implement, much faster to compute and surprisingly stable, but
does not allow one to check the refinement map beforehands. Either of
these methods will result in a smoothly refined mesh, with an adaptive
element size. Note that the technique does not require any pre-existing
expensive voxel-based (e.g. level set) description of the input surface.
As a consequence, large inputs with very fine details can be resolved
on a standard PC, whereas volumetric storage of all necessary transient
information about a modest 5123 domain results in several gigabytes of
memory usage.
This method is nearly automatic with minor manual corrections eventually needed to enforce specific information about complex features to be
followed for adaptive meshing. The disadvantage of the technique in the
first place is its inferior speed inherent to any methods based on solving
differential equations. In addition, we are not aware of either mathematically proven convergence behavior or lower limits on element quality. In
practice, however, the algorithm always generated meshes with the desired properties and quality, as demonstrated by the examples on the
figures.
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Conclusions

We have presented an automatic technique for high quality reconstruction of oversampled, low-grade and possibly topologically inconsistent
surface meshes that can be an attractive alternative to existing approaches. Our procedure is easy to implement, and is very robust against
damaged or partially incomplete, inconsistent or discontinuous input.
Compared to smoothing-based approaches our technique does not result in any feature loss and naturally offers refinement options (distance
to selected regions, curvature, etc.). The method is automatic, manual
input may only be necessary if the map used to govern adaptive refinement cannot be calculated from the input data (including the original,
non-segmented acquisition) alone. The obtained high quality triangular
meshes can become input to other applications like NURB patching or
other volumetric meshing procedures. If tetrahedral meshes are sought,
however, the volumetric mesh generated as a by-product of our method
could be rectified by a sliver removal procedure.
Fig. 2.2 demonstrates the effect of volumetric mesh quality on the performance of the subsequent numerical simulations. The human abdominal
bifurcation was segmented out of raw image data and three meshes with
different average qualities were produced using the presented method.
The meshes were subsequently used in numerical flow computations using a momentum-pressure PDE solver. Using tetrahedrons of average
quality around 0.9 resulted in 3 times faster convergence when compared to average quality around 0.65. In case when only a surface mesh
is sought for further processing, it is crucial to note that its quality will
strongly influence the quality of the results, as is the case with procedures
like the advancing front method.
Obviously, the presented method is not limited to bio-medical applications. Due to its strong feature preserving nature it can be used in
general engineering applications where e.g. sharp edges or point-like
singularities need to be preserved. The major disadvantages of our technique are inferior speed and missing theoretical bounds on element quality. However, we did not detect any quality defects on the numerous
meshes we have generated up to now.
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Figure 2.2: Meshes generated by the algorithm proposed by this paper.
Top: a surface mesh of a human abdominal aortic bifurcation resulting
directly from the segmentation of the underlying MRI data (left) and
the boundary layer generated by an adaptive volumetric mesh refinement
(right). Bottom, left: the quality histogram (normalized radii-ratios)
for the resulting mesh. Bottom, right: the convergence rates of subsequent fluid simulations performed on different meshes. There are 3
simulations for different mesh qualities and there are 4 curves for each of
them: three momentum residues (solid lines) and a mass residue (dashed
line).
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Abstract

Cardiovascular diseases are one of the major causes of long-term morbidity and mortality in human beings. The nearly epidemic increase in
prevalence of such diseases poses a serious threat to public health and
calls for efficient methods of diagnosis and treatment. Non-invasive diagnostic procedures such as MRI are often used in this context, however
these are limited in terms of spatial and temporal resolution and do not
provide information on time-dependent pressures and wall shear stresses
- key quantities considered to be partially responsible for the formation
and development of related pathologies.
The present study is concerned with the numerical simulation of oscillatory flow through the abdominal aortic bifurcation. Computational
fluid dynamics simulation of oscillatory flow in a branched geometry
at high Reynolds numbers poses considerable challenges. The present
study reports a detailed comparison of simulations performed with a
finite volume and a finite element method, two approaches with significant differences in their discretization strategy, treatment of boundary
conditions and other numerical aspects. Both solvers were parallelized,
using loop parallelization of the BiCGStab linear solver for the finite volume and domain decomposition based on the Schur complement method
for the finite element technique. The experience gained with these two
approaches for the solution of flow in a bifurcation forms the focus of
this study. While similar results were obtained for both methods, the
computation time required for convergence was found to be significantly
smaller for the finite element approach.
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Nomenclature
u
x, y, and z
p
Φu
Φp
bu
Au , B, B T
N
b
n
∆r
p0
p0 m
p0 m

Cartesian velocity vector
Cartesian coordinates
pressure
solution vector for velocity
solution vector for pressure
body force
global matrices
total number of nodes
right hand side
index of the corresponding node
distance between the cell centroid and the face centroid
total pressure correction
calculated pressure correction
smoothing pressure correction

Greek symbols
γ
relaxation parameter in the finite volume method
η
dynamic viscosity of the fluid
ρ
fluid density
Subscripts
n1, n2, n3
f 1, f 2, f 3

representation of the centroids of the cell faces
faces of a tetrahedral element
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Introduction

Blood flow in arteries is dominated by unsteady flow phenomena due
to its oscillatory nature. The cardio-vascular system is an internal flow
loop with multiple branches in which a complex liquid circulates. The
arteries are living organs that can adapt to varying fluid loading conditions on short as well as long time scales. Under certain circumstances,
unusual biophysical conditions create an abnormal biological response.
The relationship between flow in the arteries, particularly the pressure
pulses, the wall shear stress distribution and the sites where diseases
develop has motivated much research on arterial flow in the last decade.
It is now accepted that the sites where shear stresses are extreme or
change rapidly in time or space are the ones that are most vulnerable.
Pressure fluctuations can also play an important role as pointed out by
[Szczerba et al. 2008]. When an arterial wall loses its structural integrity, the result is the development of a balloon-like expansion called
an aneurysm.
In order to investigate aneurysms in the artery, many mathematical and
experimental studies have been conducted in the past. Even though
some experiments use complex anatomically realistic geometries, most
are limited to using simplified ones, such as straight bifurcations using
glass or acrylic pipes. It is also difficult to measure or capture detailed
sub-millimeter characteristics of the flow in an experiment. On the other
hand, advancements in computer technology have made numerical investigations a promising alternative for analyzing arterial hemodynamics,
allowing detailed investigation of parameters affecting disease progression, such as wall shear stress (WSS), oscillatory shear index (OSI) and
other typically not directly observable parameters. Although most numerical studies are limited to simple geometries, with or without pulsatile
flow conditions, the research direction is towards simulating blood flow
in real arterial geometries under realistic flow conditions.
Technologies related to medical image data acquisition and analysis such
as computed tomography (CT), angiography and magnetic resonance
imaging (MRI) allow the construction of three-dimensional, patientspecific models of blood vessels. Flow measurement techniques such
as Doppler ultrasound or Phase-Contrast MRI have improved to a point
where reliable partial information about the flow field is available. How-
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ever, concomitant accuracy in measuring boundary conditions for the
flow model is not as easily obtained. Pulsatile flow rate and axial velocities may be measured with reasonable accuracy and reproducibility, but
the secondary velocities (the in-plane, swirling flows) are often an order
of magnitude smaller than the axial flow and are either inaccessible to
the measurement tools or contain prohibitively large uncertainties.
Computational fluid dynamics (CFD) is presently being used as a means
of enhancing our understanding of fluid flow in arteries and the associated wall forces (Section 2). Utilizing available techniques, many researchers have conducted two- and three-dimensional calculations. While
early CFD simulations were based on idealized vascular geometries and
boundary conditions, in recent years attention has turned to realistic
arterial models with in vitro boundary conditions. The resulting complexity in the computational domain arises from bends, bifurcations,
and excessive length-to-diameter ratios found in such models. Realistic
geometries tend to exhibit a degree of non-planarity or curvature and
these geometric features are known to strongly influence the flow patterns, especially for convection-dominated flows. The first step in any
fluid simulation is to develop a regular mesh to cover this complicated
physical domain. These computational meshes are typically body-fitted,
unstructured, three-dimensional and need to be sufficiently fine to capture the relevant flow details. Secondly, the solution methods must be
time-dependent owing to the periodic (pulsatile) nature of the flow and
stable over time. The timescales associated with recirculation phenomena are much smaller than that of the overall heart cycle. Thus, adoption
of small time steps is needed to ensure the stability and accuracy of the
simulation. The time-step size is limited even further when a moving
grid is employed to track the evolution of the compliant arterial walls.
There have been several recent numerical studies reported to understand
steady and pulsatile flow in the context of vascular hemodynamics. A
variety of numerical techniques have been used. However, the finite element method (FEM) and the finite volume method (FVM) have emerged
as the most common ones. The present study reports results obtained
using FEM and FVM codes developed by the authors for the simulation
of pulsatile flow in realistic arterial bifurcations.
Biomedical flow problems are typically very complex, due to intricate
geometries, moving walls and the high accuracy required to completely

3.3. Litterature Review

47

cover the occurring flow phenomena. In this context a significant amount
of effort is being devoted to parallelization and in the near future all
competitive solvers applied to physiological flow problems will have to
be parallel. Considering this, we parallelized both our FEM and FVM
solvers, using two appropriate state-of-the-art methods.
The present article offers several contributions. We describe novel implementations of the well-known and widely used FEM and FVM methods,
but using relatively new or uncommon derivations such as the smoothing pressure correction [Date 2005] or Schur complement [Elman 2005].
Adapted parallelization schemes are applied to both solvers. These are
comprehensively validated against published experimental data. An
anatomical bifurcation problem is then considered in great detail and
used to compare the two solvers extensively, with respect to accuracy
and computational efficiency. The main objective is to gain experience
in the use of CFD tools for biomedical flow simulations and evaluate
available options without the bias of commercial software optimization.

3.3

Litterature Review

Previous work that uses CFD methods for modeling blood flow in arteries is first reviewed. Past literature includes non-Newtonian blood flow
in a two-dimensional aortic bifurcation (Lou and Yang [Lou and Yang
1993]), unsteady blood flow in stenosed arteries [Tu and Deville 1996,
Lee et al. 2003, Gay and Zhang 2009], blood flow in three-dimensional
modeled geometries [Tsui and Lu 2006, Hunt 1993], blood flow in threedimensional complex geometries [Hofer et al. 1996, Santamarina et al.
1998, Weydahl and Moore 2001, Lee et al. 2001, Lu et al. 2002] including multi-branch anatomy [Shipkowitz et al. 1998] and validation of
flow simulations in a realistic artery against experimental data [Friedman and Ding 1998, Perktold et al. 1997]. Issues such as non-Newtonian
fluid behavior, wall movement and deformation, and baseline flow patterns have been investigated. A topic not covered in the literature is the
long term effect of time-dependent fluid loading - shear and pressure - on
wall weakening and permanent deformation. Such a study would require
a carefully computed flow pattern with fully validated tools. However,
solvers that compute three dimensional flow patterns in complex geome-
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tries and oscillatory flow conditions have not been rigorously examined
from this view point.
Numerically, [Taylor et al. 1998, Taylor et al. 1999] employed FEM
for modeling three-dimensional pulsatile flows in the abdominal aorta.
Steady flow in a model abdominal aorta system including seven branches
(celiac, superior mesenteric, two renal arteries, inferior mesenteric and
two iliac arteries) was studied numerically with a pressure-based FVM
by [Lee and Chen 2002]. The averaged inlet Reynolds numbers were
taken as 702 and 1424, based on the diameter. The baseline flow fields
were obtained and the flow behavior was discussed from the viewpoint
of fluid dynamics.
[Perktold et al. 1991b] also used FEM to compute pulsatile flow of a
Newtonian fluid in a model of a carotid artery bifurcation. Using a rigid
wall approximation, the calculations gave access to a detailed representation of the velocity fields, pressure and wall shear stress. They also
examined the effect of the bifurcation angle on hemodynamic conditions.
In an investigation related to the effect of wall compliance on pulsatile
flow in the carotid artery bifurcation, [Perktold and Rappitsch 1995]
described the application of FEM to a weakly coupled fluid-structure
interaction for solving the equations of fluid flow and vessel mechanics.
The fluid-structure interaction problem was investigated from a mathematical point of view by [Formaggia et al. 2001].
[Milner et al. 1998] also used FEM to perform a CFD simulation of
the blood flow pattern in the carotid bifurcation, however, they used
MRI data of two normal human subjects to provide the boundary conditions (geometry and flow rates). This study showed that conventional,
time-averaged carotid bifurcation models adequately represent interesting hemodynamic features observed in realistic models derived from noninvasive imaging of normal human subjects. Moreover, inter-subject
variations in the in vivo wall shear stress patterns support the hypothesis that conclusive evidence regarding the role of flow parameters in the
appearance of a vascular disease can be derived from individual studies
Using the same imaging and simulation framework, [Steinman et al.
2003] reported image based simulation of flow of a Newtonian fluid in
a giant, anatomically realistic human intracranial aneurysm with rigid
walls. CFD analysis revealed high-speed flow entering the aneurysm
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at the proximal and distal ends of the neck, promoting the formation
of both persistent and transient vortices within the aneurysm sac. Such
vortices produced dynamic patterns of elevated and oscillatory wall shear
stresses distal to the neck and along the sidewalls of the aneurysm.
[Bathe and Kamm 1999] conducted a finite element analysis to examine
fluid-structure interaction of pulsatile flow through a compliant stenotic
artery. The authors used ADINA, a commercial software package to
develop an axisymmetric model of the flow field and the vessel geometry.
With increasing degree of stenosis, an increase in the pressure drop and
wall shear stress associated was seen.
In a similar investigation, [Tang et al. 1999] considered fluid-structure
interactions of steady flow through an axisymmetric stenotic vessel using ADINA. The authors observed complex flow patterns and high shear
stresses at the throat of the stenosis as well as compressive stresses inside
the tube. Qiu and Tarbell [Qiu and Tarbell 2000] used FIDAP to study
pulsatile flow in a compliant curved tube model of a coronary artery. In
addition to the wall shear stress, the phase difference between circumferential strain in the artery wall and the wall shear stress was found to
be important in locating possible coronary atherosclerosis.
Even though CFD is now established as a useful research tool for the
understanding of cardiovascular diseases, it has yet to find its way to
daily patient care. The main reasons for this lack of appropriate clinical
tools are the often very lengthy computational times - which can even
reach several months for fluid structure interaction problems in complex geometries - and the need for a dedicated specialist to set up and
perform the simulations. To overcome these problems McGregor et al.
[McGregor et al. 2008, McGregor et al. 2008] have proposed a fast alternative to CFD using proper orthogonal decomposition. This requires
a large amount of pre-computed simulations which could, for example,
be generated using the methods proposed in this article.
A review of the literature shows two clear trends. Firstly, authors reporting original research on arterial flows have adopted simple geometries
and well-defined boundary conditions. Secondly, for complex geometries
and truly oscillatory flow, commercial packages such as Fluent, CFX,
FLOW3D, COMSOL and ADINA have been utilized. In the absence
of analytical solutions, the correctness of the flow solver itself has not
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been subject to scrutiny. To address this concern, two efficient computer codes have been developed in the present study for the simulation
of three dimensional oscillatory flows in an arterial bifurcation. Codes
based on the finite element and finite volume methods have been written to demonstrate their applicability to vascular hemodynamics. The
formulations needed to arrive at computationally efficient packages are
described. Both solvers are validated against published results including
flow in a driven three dimensional cavity (straight and skewed). The two
solvers are extensively compared in terms of the flow patterns in a real
arterial bifurcation. Steady as well as oscillatory flow calculations are
performed using the FVM and FEM solvers. Among the objectives, the
ability of the solvers to capture short duration recirculation patterns in
oscillatory flow with equal resolution is of great interest.

3.4

Mathematical Formulation

Numerical simulation of arterial hemodynamics is challenging because of
the irregular three-dimensional nature of its geometry, flow sub-division,
unsteadiness in flow and the necessity of accommodating wall motion if
wall compliance is taken into account. Therefore, a general approach to
solve the full Navier-Stokes equations governing fluid motion in arbitrary
geometries is necessary. In the present work, numerical simulation of the
flow equations using two techniques, namely the finite volume method
(FVM) adopting the new smoothing pressure correction [Date 2005] and
the finite element method (FEM) using the Schur complement method
[Elman 2005] are reported. Details of numerical implementation of these
methods are presented below.

3.4.1

Governing equations

Flow of blood through an artery can be considered as time-dependent,
three-dimensional, incompressible, laminar but vortical. Since the aorta
has a large diameter and fast flow, the corresponding peak Reynolds
numbers are large, and viscous effects are, on an average, less significant than inertial ones. For this reason, modifications in blood viscosity
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owing to non-Newtonian effects are neglected in the present work. The
formulation presented is, however, quite general.
Full modeling of flow in an artery requires the conservation principles of
mass and momentum to be simultaneously satisfied. Expressed in compact tensor notation, the basic forms of the continuity and momentum
equations in a fixed grid system are:

ρ


∂u
+ u · ∇u − η∇2 u + ∇p = 0
∂t

∇·u=0
Here u = u(x, y, z, t) denotes the velocity vector and p = p(x, y, z, t) the
pressure; symbols used are η for the dynamic viscosity and ρ for density,
each taken to be a constant parameter, depending on the choice of the
fluid. Forcing terms may be added to the right side of the momentum
equation to account for gravity as well as rigid body acceleration of the
object as a whole.
Boundary conditions correspond to no-slip on all solid walls and a prescribed velocity variation at the inflow plane. The gradient condition
for velocity is applied on the outflow plane even when the flow is oscillatory. In the finite volume method, pressure is set to zero on the outflow
plane. In the finite element method, pressure is set to zero on the outflow
plane in the momentum equation while pressure is implicitly determined
from the constraint of mass balance. The validation problem considered is simpler in the sense that no-slip conditions are applicable on all
bounding surfaces. Initial conditions are taken as a quiescent state; their
selection is not important for the present work since the focus is on long
term unsteadiness or simply the steady state.
The computational algorithm described below was implemented for unstructured three dimensional tetrahedral meshes. Grid generation was
accomplished using the ICEM-CFD package. Grid quality was ascertained using indicators available in the software. Elements employed
had an aspect ratio (i.e. the ratio of the maximum to the minimum
dimensions) close to unity in all simulations.
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3.4.2

Finite Element Method (FEM)

Discretization
In the finite element method for the solution of the governing equations
a standard Galerkin finite element procedure [Zienkiewcz and Taylor
2000] is used. A notable difference compared to the FVM method described in the next section is that the mass and momentum equations
are simultaneously solved by constructing a single global stiffness matrix.
In view of the large Reynolds numbers involved, the calculation needs
to be stabilized using techniques similar to upwinding, i.e., artificially
strengthening the diagonal dominance. In the present work the streamline upwind method (SUPG) discussed in [Ferziger and Tseng 2004] and
anisotropic diffusion were considered for stabilization. The latter was
found to be a much more effective option and was implemented by solving the momentum equation in the form

ρ


∂u
+ u · ∇u − η∇2 u − ∇ · [D]∇u + ∇p = 0
∂t

(3.1)

The time derivative is discretized using the backward Euler method,
producing a nonlinear system of algebraic equations to be solved at each
time-step. Picard iteration is applied, leading to a linear algebraic system
to be solved within each time step.
Isotropic diffusion forces Peclet or Reynolds number to stay below the
stability limit but can smooth out secondary flows. Anisotropic diffusion, while still perturbing the solution, does it only in the streamline
direction, thus reducing smearing of the solution in the cross-stream direction. The anisotropic diffusion model was implemented in the present
study by representing the artificial diffusion operator (in two dimensions)
as



∂ ∂
∂ ∂
∂
∂
∂
∂
∇ · [D]∇ =
D11 ,
D22 ,
D12
+
D21
∂x
∂x ∂y
∂y ∂x
∂y ∂y
∂x
with


(3.2)
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[D] = Dij = αh

ui uj
|u|

(3.3)

Here α is a tuning parameter, h, the element size and the velocity components are indicated as ui . Diffusivity as defined above has only one
nonzero eigenvalue δh|u| with the corresponding eigenvector aligned with
the flow direction.
Solving the linear equation system
Solution of a system of linear equations is probably computationally
the most intensive step in the entire calculation. An approach towards
parallelization of the linear equation solver in the context of the finite
element method is presented below. In principle, it is derived from the
domain decomposition approach.
The linear system arising from the Picard iteration has the block form

Kφ =

Au
B

BT
0



φu
φp




=

bu
0


(3.4)

where Φu and Φp are velocity and pressure solution vectors respectively,
and bu is the body force. The matrix Au represents the discretization
of the time-dependent advection-diffusion equation being non-symmetric
in the presence of advection and B is the discrete divergence operator.
Applying iterative techniques, a system such as (4) is solved without explicitly forming the inverse K −1 or factoring K. Hence, less storage and
a smaller number of operations may be required than by direct methods.
The essential operation is the calculation of the matrix-vector product
y ← Kx which can easily be parallelized on a distributed memory computer.
The iterative procedures of choice are Krylov subspace methods (such as
GMRES), for which the number of iterations required for convergence
scales roughly with the square root of the condition number. Since the
condition number of K scales as 1/h2 where h is the mesh size, preconditioning is mandatory for high-resolution. Our implementation uses
GMRES and a Schur complement preconditioning method, which allows
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(4) to be solved efficiently and in parallel. The parallelization is achieved
by using a mesh partitioning approach implemented using PETSc [Balay
et al. 2008, Balay et al. 1997]. The full details of this implementation
can be found in [Burckhardt et al. 2009] and will not be repeated here.

3.4.3

Finite Volume Method (FVM)

The method is based on the finite volume principle of applying conservation laws locally to control volumes. It lends itself to easy physical
interpretation in terms of fluxes, source terms and the satisfaction of
local conservation principles. In the finite volume method, the governing equation is first integrated over a cell-volume VΩ and an integral
form of the governing equation is obtained. The integral is replaced by
summation and the required algebraic equation for the cell quantity is
derived. In the finite volume method derived on an unstructured grid,
the mass and momentum equations are decoupled so that the velocity
components and pressure are determined from explicit equations [Date
2005]. This step is to be contrasted with FEM described in Section 3.2
where a single global stiffness matrix is jointly constructed for velocity
and pressure. Pressure-velocity decoupling has been presented in [Date
2005] as an extension of the SIMPLE algorithm and, except for a few
differences in implementation, has been followed in the present study. In
this approach, pressure is determined via a pressure-correction equation
that indirectly satisfies mass-conservation.
On an unstructured mesh, it is most convenient to employ collocated
variables so that scalar and vector variables are defined at the same location. For such a collocated arrangement, Date [Date 2005] has derived
an equation for pressure-correction with the aim of eliminating spatial
fluctuations in the predicted pressure field. This approach is outlined in
the following section.

Discretization
Convective terms of the Navier-Stokes are discretized using a higherorder upwind scheme. Here, cell face fluxes are calculated using an
accurate estimation of the left and right states at the cell face. Barth
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and Jespersen [34] proposed a multidimensional linear reconstruction
approach; [Neal T. et al. 1991] used this reconstruction route for upwind
schemes. Following [34] and [35], higher-order accuracy in upwinding is
achieved by expanding the cell-centered solution of each cell face with a
Taylor series expansion
φ(x, y, z) = φ(xc , yc , zc ) + ∇φc • ∆r + O(∆r2 )

(3.5)

where φ ≡ [u, v, w, p], namely any one of the field variables. This formulation requires that the property gradient is known at the cell centers.
The general approach is to apply the mid-point trapezoidal rule to evaluate the surface integral by using the divergence theorem:

[∇φc =

1
VΩ

I
φn̂ds

(3.6)

∂Ω

over the faces of each tetrahedral cell. Here VΩ denotes the volume
enclosed by the cell Ω and n̂ is the surface normal. Algebraic simplification is carried out by using the geometrical invariant features of triangles
and tetrahedral elements. These features are illustrated for an arbitrary
tetrahedral cell in Figure 3.1. The line extending from a cell-vertex
through the cell-centroid will always intersect the centroid of the opposing face. Further, the distance from the cell-vertex to the cell-centroid
is always three-fourths of that from the vertex to the opposing face. By
using these invariants along with the fact that ∆r is the distance between the cell centroid and face centroid, the second term in Equation
3.5 can be evaluated as:
"
#
1/ (φn1 + φn2 + φn3 ) − φn4
∂φ
3
∇φc • ∆r =
∆r ≈
∆r
∂r
4∆r

(3.7)

Thus Equation 3.5 can be approximated for tetrahedron cells by the
simple formula:
h
i
φf 1,2,3 = φc + 1/4 1/3(φn1 + φn2 + φn3 ) − φn4

(3.8)
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As shown in Figure 3.1, the subscripts n1 , n2 , n3 , denote the nodes of
face f1,2,3 of the cell c and n4 corresponds to the opposite node.
For determining nodal quantities φn , a weighted average of the surrounding cell-centered solution is used. It is assumed in the nodal averaging
procedure that the cell centered values are known and their contribution to a node from the surrounding cells is inversely proportional to the
distance from the cell centroid to the node. Hence
N
P
φn = i=1
N
P

φc,i
ri

i=1

1
ri





(3.9)

where
h
i1
2
2
2 2
ri = (xc,i − xn ) + (yc,i − yn ) + (zc,i − zn )
The subscripts n and c,i refer to the node and surrounding cell-centered
values respectively. This reconstruction process utilizes information from
all of the surrounding cells, thus producing a truly multidimensional
higher-order expansion in Equation (8). For boundary nodes, the surrounding face-centered boundary conditions and respective distances are
used in Equation (9). The diffusion terms are discretized using a 2ndorder central-difference scheme [Date 2005]. The discretized equations
are solved using Stabilized Bi-Conjugate Gradient method (BiCGStab)
with a diagonal preconditioner.
Pressure-correction scheme
The tendency to provoke checkerboard oscillations arising from the pressurevelocity decoupling is due to the use of the collocated storage arrangement, regardless of whether a structured or an unstructured grid method
is used. This problem can be circumvented by a new derivation of the
pressure correction equation that is appropriate for a non-staggered grid.
[Date 2005] conducted this derivation and showed that the resulting
pressure correction equation bears similarities with the staggered grid
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pressure correction equation. The pressure correction on a collocated
grid additionally requires smoothing. Should one ignore this step, the
new calculation scheme would be identical to the SIMPLE procedure
of [Patankar S. and Spalding D. 1972]. The new approach significantly
simplifies computer coding as well.
The final form of the pressure correction equation can be shown to be
as follows:
0
ρ∆α ∂p m
∂
∂x AP u ∂x
∂ (ρu0 )
∂ (ρv 0 )
+ ∂y
∂x





+
+

0
ρ∆α ∂p m
∂
∂y AP v ∂y
∂ (ρw0 )
∂z





+

∂
∂z



0
ρ∆α ∂p m
AP w ∂z



=
(3.10)

where the total pressure correction p0 is given by p0 = p0 m + p0 s and
p0 s = γ(pl − p̄l ) with γ = 0.5, p0 m being the calculated and the smoothing pressure correction. Details of discretization of Equation 3.10 are
available in [Date 2005] and will not be repeated here.

Code parallelization
Porting applications to high performance parallel computers is a challenging task. It is time consuming and costly. Parallel computer architectures traditionally can either be of shared-memory or distributed
memory type. For distributed memory architectures, where the memory
on remote processors is not directly addressable, inter-processor communication must be implemented through message-passing operations
using, for example, the MPI library. For shared memory architectures,
thread-level parallelization has often been advocated. One way of achieving thread-parallelization is through the use of the OpenMP programming model.
In the present study, the finite volume code was developed for shared
memory architectures, thus simplifying programming by working in a
globally accessible address space. The user can supply compiler directives to parallelize the code without explicit data partitioning. Computation is distributed inside a loop based on the index range regardless of
data location and the scalability is achieved by taking advantage of the
hardware cache coherence.
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In the present study, a fork-join execution model is used to develop parallel code. A program written with OpenMP begins execution as a single
process, called the master thread. The master thread progresses sequentially until the first parallel construct is encountered, at which point a
team of threads is created. The enclosed statements are then executed
in parallel by each thread in the team until a work sharing construct is
encountered. This step then distributes the workload of a loop among
the members of the current team. An implied synchronization occurs at
the end of the loop unless otherwise specified. Data sharing of variables
is implemented at the start of a parallel or work sharing construct. In
addition, reduction operations (such as summation) can be used. Upon
completion of the parallel construct, the threads in the team synchronize and only the master thread continues execution. The performance
of FEM and FVM codes is discussed in Section 3.7.1.

3.5

Code Validation

The computer codes developed for FEM and FVM solvers were validated
by first considering the well-known benchmark problem of flow in a lid
driven square cavity. The cavity is square and the top lid is given unit
velocity to the right. Both velocity vectors and a scalar variable such
as temperature are considered. The effect of the anisotropic diffusion
parameter α is also studied. The Reynolds number considered for simulation is 400 while the Prandtl number is 7, corresponding to water as
the working fluid. The presented results are obtained using 896K linear
tetrahedral elements for the FVM solver and 112K quadratic tetrahedral elements for the FEM solver. The grid near the walls is considerably
finer than at the core. For the FVM, the maximum momentum and mass
residuals are reduced to less than 10−5 during the iteration process. The
comparison is carried out at steady state. The convergence criterion on
the residuals in FEM is also set to 10−5 .
Velocity profiles in the cavity obtained by FEM and FVM were compared
with the numerical results of [Sheu and Tsai 2002] in Figure 3.2. The
centerline velocity profile on the mid-plane shown in Figure 3.2 demonstrates very good agreement between the three methods. Indeed the
two solvers, FEM and FVM, converge to an identical answer, suggesting
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that the convergence limits set in the calculations are satisfactory. In
the context of FVM, similarly good results were achieved with a skewed
cavity.
The parameter α used in anisotropic diffusion stabilization plays an important role in FEM calculations. With reference to the equation appearing in Section 3.4.2, it is clear that the anisotropic diffusion model adds
artificial viscosity in the streamline direction. The extent of this effect
depends on the scale factor α. For α = 0, solutions equivalent to central
differences are obtained. For α > 0, the contribution of the stabilization terms increases, the matrix is better conditioned and convergence
is achieved in fewer iterations. In FEM, a speed increase of around 25%
was seen for α increasing from 0 to 0.5. However, the improvement in
speed is at the expense of accuracy. The resulting deviation for up to
α = 0.5 is shown in Figure 3.3. α = 0.25 seems to offer a reasonable
compromise between speed increase and the degradation in the solution.
Next the two solvers FEM and FVM were tested against each other
in terms of the scalar field, namely temperature. The boundary conditions correspond to 353K on the top moving wall and 300K on all
side walls. The velocity fields calculated by the respective solvers were
used in the advection terms of the governing equation. Figure 3.4 shows
the steady state temperature field on various planes of the cavity. Despite major differences in the solution methods, FEM and FVM produce
nearly identical results, even when employing entirely different stabilization techniques, namely anisotropic streamline diffusion (FEM) versus
upwinding (FVM). Both methods capture all the major features of the
temperature field including thermal boundary-layers and an overall circulatory pattern in the cavity. Owing to the movement of the top lid,
Figure 3.4(c) shows symmetry breaking in a horizontal plane with the
eddy to the right having a larger size than the one on the left. This
feature is well-predicted by both solvers.

3.6

Simulation Parameters

The present study focuses on the application of CFD tools to biomedical flow problems, more specifically to oscillatory flow in bifurcating
geometries. To this end, a real-life aortic bifurcation as shown in Figure
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3.5 is used. This geometry was generated using MRI data, as described
by [McGregor et al. 2007]. These were acquired with a Philips Achieva
1.5T device, using a T1FFE sequence (proprietary to Philips) which provided bright blood anatomy images of the lower abdomen of a healthy
35 year old male volunteer. The slices are taken perpendicularly to the
infrarenal abdominal aorta. The images are 224 × 207 pixels in size for
20 slices, with a slice thickness of 5mm and an in-plane pixel spacing of
1.29mm. The arterial lumen was segmented from the anatomy images
and smoothed, so as to produce an initial surface mesh. This was then
used as input to a novel meshing algorithm [Szczerba et al. 2007a] resulting in a high quality tetrahedral mesh with refinement close to the
walls.
The FEM solver requires quadratic tetrahedral elements, while for FVM
the elements are linear. For comparison of the solutions obtained by the
two methods, we require the total number of nodes in each calculation
to be equal, at least as a first step. Based on this consideration, it was
found that for the L mesh (see Table 3.1), 10 1990 728 linear tetrahedral elements in the FVM solver were equivalent to 1490 966 quadratic elements
for FEM, with the node distribution over the physical domain being preserved. To develop these meshes, 1490 966 linear elements are first generated in ICEM-CFD software. Linear elements are subsequently converted to quadratic elements and sent to the FEM solver. The quadratic
elements are now converted to linear by retaining vertex nodes and sent
to the FVM solver. As discussed in Section 3.7.1, equality in the number
of nodes is a necessary but not sufficient condition; the resulting matrix
structures from the two methods are fundamentally different and result
in additional differences in the numerical solution.
The time step in oscillatory flow calculations was taken to be 1% of
cardiac cycle.
Figure 3.5 shows the three-dimensional surface rendering of an aortic
bifurcation. It is clear from the figure that the anatomy has several
complexities in its shape, such as a convex out-of-plane curvature towards the anterior abdominal wall in the aorta. This curvature can
considerably alter flow patterns in the arteries. Figure 3.6 shows the
mesh distribution on the inlet plane of the aorta, the overall flow direction being vertically downwards. As seen in Figure 3.6, the mesh is fine
near the wall and the element size increases smoothly away from it. This
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arrangement is necessary, since flow recirculation is initiated at the solid
wall. Numerical experiments show that an appropriate mesh generation
is essential to resolve the details of the flow field on the one hand and to
deliver faster convergence on the other. The mesh shown in Figure 3.6
is the L mesh for FVM as mentioned above.
The inflow velocity profile (at the top boundary) is taken to be parabolic
in shape in both steady and unsteady calculations. The outflow condition is of the gradient type. Rigid and no-slip boundary conditions are
imposed at the vessel walls. Blood is modeled as a Newtonian fluid with
a constant density (ρ = 1020kg/m3 ) and viscosity (η = 3×10−3 kg/m s).
The unsteady calculation is initiated by specifying the inlet velocity as
a sinusoidal function mimicking the physiological heart cycle
Uf = 0.5 sin (2πωt) + 0.3
where the frequency (ω) in dimensional form is 1.333Hz, corresponding
to a heart rate of 80 beats per minute. Figure 3.7 shows the prescribed
axial velocity variation at every point on the inflow plane within one
cycle of the flow. The unsteady calculation is conducted for four cardiac
cycles of 0.75 seconds each. The results corresponding to the fourth
cycle are considered independent of the initial conditions and used for
subsequent analysis.
For the parameters considered, the Reynolds number is in the range of a
few thousand, reaching 6000 at the peak of oscillatory flow. The overall
length-to-diameter ratio is 15 for the branches. Mesh independence was
evaluated on small (S), medium (M), and large (L) meshes (see Table
3.1). FEM calculations are performed using cells on which velocity is
interpolated as a quadratic function while pressure variation is taken to
be linear.

3.7

Results and Discussion

Numerical simulation was carried out using both the FEM and FVM
solvers described above in an anatomical model of a human aortic bifurcation both for steady (Figures 3.8-3.17) and oscillatory flows (Figures
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3.18-3.23). The results show interesting patterns of flow distribution including recirculation. A comparison of the solutions obtained using FEM
and FVM is presented. In each figure, FEM and FVM are compared in
terms of various components of velocity, velocity magnitude, pressure,
and stream traces. For oscillatory flow, the comparison is carried out at
selected phases within a cycle at dynamic steady state. Special attention
has been paid on the recirculation patterns that form in the bifurcation.

3.7.1

Computational Time and Speed-up

The computations were all performed on a 64-bit 8 core (8× Intel R
Xeon R 2.66GHz) machine with 32GB shared memory. On the largest
mesh studied (the L mesh - see table 3.1), the FEM code converged in
17.4 hours (real time) to the fifth decimal place in velocity and pressure
while FVM required 394.6 hours to achieve the same accuracy. Thus,
with the chosen parallelization schemes and on the same machine, FEM
was seen more than 20 times faster than FVM. This ratio was smaller on
coarser meshes. The corresponding CPU times summed over all CPUs
were 76.0 and 30 061.5 hours respectively, so the FEM code required 40.3
times less CPU time. The performance of the parallel FVM unstructured
code in terms of speedup characteristics on a shared memory machine is
about 5 on 8 CPUs for the full code, resulting in an efficiency of 62%.
Speedup of BiCGStab algorithm alone is about 6 on 8 CPUs (efficiency
of 75%). Comparable numbers for the FEM code parallelized using the
Schur complement method are in the range of 6−7 (75−87%), depending
on the mesh employed.
Direct comparison of the two methods calls for certain explanations. For
the computation times and speed-up data provided above, the L mesh as
described in table 1 was used, so the number of nodes was 2270 309 and
was identical for both the FEM and the FVM simulations. The results
are discussed in Sections 3.7.2 and 3.7.3. Differences in computational
effort could arise because of the order of approximation of the field variables, being quadratic in velocity/linear in pressure for FEM and linear
in velocity/constant in pressure for FVM. Accounting for the difference
in the order of approximation, the number of cells in the two approaches
turned out to be 10 1990 728 (FVM) and 1490 966 (FEM). The number of
unknowns in FVM (three velocity components plus pressure) evaluated
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at the cell center was 40 7980 912 while the number of unknowns evaluated at the vertices of the tetrahedral cells in FEM was 7130 969, for more
details see table 3.1. The total number of non-zeroes in the system of
algebraic equations was practically identical in the two approaches, being around 24 million, including a reduction in the number of unknowns
due to the boundary conditions. Thus, the matrix arising from FEM is
smaller and denser as compared to the one from FVM which is larger
but sparser. Based on the equality of the number of non-zeroes, one
may conclude that the computational effort for the two approaches is
comparable.
The second factor likely to be significant is the matrix structure arising in
the two formulations. In FVM, two matrices are constructed: one for the
three momentum equations and one for the pressure correction equation.
Both systems are inverted using the preconditioned BiCGstab algorithm.
In FEM, a single matrix is constructed jointly from the mass and the
momentum equations, resulting in a large number of zeroes and greater
bandwidth. The increase in complexity of the global matrix for FEM is
related to the fact that pressure does not appear explicitly as a dependent
variable in the mass balance equation. The linear system of FEM is
solved using a preconditioned GMRES solver. The inversion effort for
FEM is greater, however coupling of the mass and momentum equations
make the pressure-velocity iterations, which are so dominant in FVM,
obsolete, resulting in a significant overall computing time advantage.
This is an interesting result, especially considering that a large portion
of the CFD community use FVM-based codes.

3.7.2

Steady flow in an anatomical bifurcation

Considerable attention has been given in the literature to determining
the local fluid dynamic phenomena that occur in the branches and bifurcations of arterial models. The flow field in these regions is complicated,
highly three-dimensional in nature and depends heavily on the geometry
of the vessel. The focus of most investigations so far has been on the
secondary flows which are generated within a branch. Qualitatively, the
flow in a bifurcation can be described as follows: the flow divides into
two streams at the apex. In each stream a new boundary-layer is formed
at the inner walls, with a high velocity stream just outside. Owing to
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the curvature of the streamlines at the location of bifurcation the faster
moving fluid is thrown inwards, indicating conservation of the angular
momentum (the product of velocity and radial distance). At the same
time, secondary motion towards the outer wall becomes apparent.
Favorite sites for atherosclerotic events are bifurcations and junctions.
Most of these branchings in the cardiovascular system are asymmetric.
The potential and actual variety of asymmetric arterial vessel branchings
is much larger and the flow in them is considerably more complex, so it
is not surprising that symmetric bifurcations have been more extensively
studied as compared to asymmetric ones. Even for these, however, only
partial results are available, being primarily experimental in origin and
for steady flows. A more serious limitation is that most of the work
is performed for two-dimensional bifurcations, which excludes certain
features of the flow, such as secondary motions and circumferential variations of shear stress. These features may be critical to atherogenesis
and plaque growth.
In this section, the steady state solutions for a physiological bifurcation
are shown (Figures 3.10-3.17). In healthy cases, flow at the bifurcation
is predicted to split into two relatively high velocity laminar streams
at the central part of the vessel. Near the apex and the proximal side
of the right and left branches of the artery, there are regions of slow
recirculation. These features are clearly identified by the FVM as well
as the FEM solver. Hence, under steady state conditions in the artery,
it is clear that the two solvers compare quite well.
Secondary velocities are caused by an upstream curvature in the vessel.
When this curvature is planar and the flow is steady, the well known
Dean flow pattern develops [Dean 1927]. Here, flow forms two symmetric
counter-rotating vortices and an axial profile skewed to the outer wall of
the bend. In generalized models of the aortic bifurcation [Shipkowitz et
al. 2000] and particle deposition in the upper airways [Zhang et al. 2001]
influences of secondary flow have been found to be significant. Although
general secondary flow characteristics have been observed or inferred
from in vivo measurements, the sensitivity of a model prediction to the
complexity of the flow features and its implication on the weakening of
the artery wall requires sophisticated measurements as well as detailed
computations.
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Figures 3.8-3.11 present contour plots of the three velocity components
and the velocity magnitude over selected horizontal (cross-sectional)
planes. A fully developed velocity profile is enforced at the inflow plane.
On the two outflow planes, the gradient condition is applied. Figures
3.8-3.11 show that high velocities are skewed toward the outer side of
the artery before the flow reaches apex. Thus, secondary flow develops
near to the inner side of the artery. A difference in the mass flow rates
between the two branches of the artery is observed. From Figure 3.11,
it is clear that mass flow rate is higher in the left branch as compared to
the right one. In both branches, flow shifts towards the left side of the
artery, which sustains the secondary flow in the branch.
Figure 3.12 shows a surface distribution of vorticity over the inner surface of the artery. The magnitude alone is presented. WSS is of particular interest to the medical community as there is believed to be a high
correlation between areas of low or time-varying WSS and ones where
artherosclerotic plaque typically develops. WSS scales with wall vorticity. The apex of the bifurcation is a region of high shear. Since flow
divides unequally between the two branches, shear stresses (and hence
wall vorticity) on the left branch is, on average, greater than on the right
one. Provided the pulsation frequency is small, the trends seen in steady
flow may be realized in oscillatory flow under peak flow conditions. At
higher frequencies (characterized by the Strouhal number ωd/U ), fluid
inertia would play an important role. In the present study, Strouhal
number is around 0.08 and we expect steady state results to have some
utility in describing the flow field as well as wall vorticity.
Figure 3.13 clearly indicates the appearance of secondary flow in the
main artery as well as near the apex and in the two branches. A Deantype vortex structure is formed in the main artery (z = 0.056), typically
seen in flows in curved tubes. The fluid moves from the side-A of the
wall to side-B along the diameter, and then returns to the inner wall
along the sides of the tube, forming two counter-rotating vortices. As
flow approaches the apex, the pair of counter-rotating vortices vanishes
and a strong single vortex forms near the inner wall (z = 0.039). The
flow passes the apex, divides into two streams and the strength of the
vortex is further reduced (z = 0.023).
Figures 3.14-3.17 present contour plots of the three velocity components
and velocity magnitude over the vertical plane y = 0.1516. The asym-
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metric flow division between the branches is once again quite apparent
from these figures.
In summary, steady flow simulation in a physiological bifurcation shows
good agreement between the FEM and FEM solvers. The major flow
features in both geometries are nicely captured by both methods.

3.7.3

Oscillatory flow in an anatomical bifurcation

Under physiological conditions, the flow has a strong influence on the formation and development of stenosis, atherogenesis and plaque growth.
In particular, regions of low velocity produce low WSS and high pressures. These features have an effect of weakening the wall [Szczerba
et al. 2008]. Thus, a flow feature of significance is the appearance of
recirculation patterns in steady as well as oscillatory flows.
As long as the flow moves forward without creating negative velocities, recirculation patterns are absent and no difficulties arise. Vortices
formed in the branches move forward slowly, with the pulse wave. However, if negative velocities are created, indicating the presence of flow
separation regions, the shear gradient between the forward and backward flow in these regions is high and creates high shear stresses close to
low shear stress regions where particles or cells can adhere to the wall.
For the present study, the pulsatile waveform shown in Figure 3.7 was
adopted. It consists of a brief systolic phase (acceleration and deceleration) and a diastolic phase with flow reversal. Traditional Strouhal
number analysis of pulsatile flow uses only one time scale. In contrast,
the heartbeat can be considered to have two important time scales: a
systolic time and the pulse period. During systolic phase, vorticity is
pumped into the flow and so the systolic time scale should characterize
the size of the vortices in the artery. Figure 3.7 defines the six different
phases of pulsatile behavior of flow through the physiological bifurcation.
Phase-a represents the acceleration of systolic phase, phase-b the peak
of systolic phase and phase-c is the deceleration of the systolic phase.
Phase-d is at the end of the systolic phase and the beginning of the diastolic phase, whereas phase-e corresponds to the peak of the diastolic
phase, and phase-f to the end of diastolic and the starting point of the
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systolic phase. Velocity fields at these phases are reported in the discussion below. It is important to note that the abdominal aortic bifurcation
is one of the rare locations in the vascular system where reverse flow occurs. Indeed, the inversed-direction flow seen here at phase-e is by no
means a common feature. This is believed to be one of the reasons why
this bifurcation is particularly prone to vascular diseases.
Velocities computed using FEM and FVM are presented in three different fashions. First, to give an overall picture of velocity variations
during a cycle, six horizontal planes are chosen perpendicular to the
blood stream direction. Velocity components and velocity magnitude
contours at these planes are displayed at the six phases (a-f) within a
cycle. Secondly, to show secondary flow patterns in detail, three horizontal planes are considered. Thirdly, the mid-plane (y = 0.1516) is
chosen for the vertical component of velocity to demonstrate the effect
of the apex of the bifurcation on flow division.
In Figure 3.18, the two horizontal components of velocity are combined
into stream traces and shown as secondary flow on three different planes.
These two velocity components are much smaller than the vertical one.
Hence, these traces serve to exaggerate the differences between the predictions of FVM and FEM. Considering this factor, the agreement between the two methods is satisfactory, being particularly good during
the peak phases of (b) and (e) while showing largest deviations at the
zero phases (d) and (f).
An examination of the data of the u and v components of velocity clearly
indicates that a secondary flow pattern is created during the accelerating
phases a-d. The magnitudes of both the components increase near the
apex at phase-a and reach a maximum at phase-b, the peak of the systolic
phase. Thereafter, both components diminish and reach a minimum
during the diastolic phase. The development of the secondary flow during
the heart cycle is clearly demonstrated in terms of the stream traces
as well. On the first plane (z = 0.056) the FVM solver shows that
two counter-rotating vortices are formed during phase-a. Further, they
transform into Dean-like vortices when the systolic peak is reached. At
the end of systolic phase (phase-d) the pair of vortices shifts closer to the
inner side of the main artery. Once again, the formation of Dean vortices
is apparent at the peak of the diastolic phase. Near the apex, secondary
flow with greater complexity develops, and is seen over the second plane
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(z = 0.039). During the accelerating systolic phase (phase-a) a single
vortex forms at the center of the artery which is convected until the
peak is reached. During the deceleration of the systolic phase (phase-c),
a pair of counter-rotating vortices is formed. At the peak of the diastolic
phase, a single vortex is formed and it stays within the artery until the
systolic peak is reached again. Beyond the apex (third plane, z = 0.023),
skewness in the flow is visible from the secondary pattern. At phase-a,
flow is shifted towards the right branch and the trend continues until the
end of the systolic phase. A complex secondary flow behavior is seen at
phase-d in both the branches. During the diastolic phase, flow starts to
shift towards the left branch of the artery.
Figures 3.19 and 3.20 present the contour plots of the vertical velocity
component w and velocity magnitude respectively at six time instances
within a cycle. Being the main component of velocity, w gives a better
idea about mass flow rate in the artery. At phase-b, the skewness is
apparent from Figure 3.19 and the flow is unequally divided between
the two branches. During the deceleration of the systolic phase (phased), there is a reduction in the mass flow rate. Reverse flow is clearly
visible during phases e-f. A comparison of the peak of the systolic phase
(phase-c) with the peak of the diastolic phase shows the following: for
the systolic phase, flow is shifted towards the outer side while during the
diastolic phase the shift in flow is towards the inner side. These shifts in
flow create a secondary flow pattern within the artery during the zero
phase.
Figure 3.21 shows surface plots of wall vorticity (or equivalently, WSS)
along the arterial wall. The wall vorticity distribution at the peak phase
exhibits considerable similarity to the steady state distribution shown in
Figure 3.12. The predictions of both FEM and FVM are generally very
similar. Patches of high vorticity are seen near the apex during the peak
phase. Patches form during the diastolic phase as well (in particular,
phase (d)) in the respective branches. Since such patches carry a pressure
peak within, Figure 3.21 indicates periodic pressure pulses in the artery
- once during the peak phase (b) at the apex and once over the sides at
the zero phase (d). The fluid loading at (b) is considerably higher than
at (d) but their implication for the physiological condition of the artery
can be quite different [41-42].
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This oscillatory nature of the pressure and shear stress loading is interesting to investigate as it plays an important role in atherosclerosis and
the dynamics of wall weakening. Indeed, strong positive correlation has
been established between areas of large spatial or temporal WSS gradients and positions of intimal thickening and plaque deposition [[Taylor et
al. 1998]]. The associated pressure peak has also been hypothesized to
contribute significantly to local weakening of the endothelium [Szczerba
et al. 2008] and the combination of these two factors can lead to a snowball effect, leading to local development of vascular disease [McGregor
et al. 2007].
Figures 3.22 and 3.23 respectively present the distribution of the vertical
velocity component w and velocity magnitude on themid-plane of the
artery. Unequal flow division between the branches is clear, a feature
not as easily visible in the cross-sectional view (Figures 3.19-3.20). At
the peak systolic phase (phase-b) a sharp increase in velocity magnitude
is seen near the apex of the bifurcation. During the diastolic phase strong
flow reversal is clearly present at various locations in the artery. These
trends can be seen in the results generated by both solvers.

3.8

Conclusions

The implementation of a finite element solver adopting the Schur complement method [Elman 2005] and a finite volume solver relying on a novel
smoothing pressure correction scheme [Date 2005] and their application
to investigate flow conditions in an anatomical arterial bifurcation are
discussed. Steady as well as well as oscillatory flows are considered. An
unstructured mesh was used in both simulations. FEM utilized quadratic
elements (with linear pressure) while FVM had linear elements for velocity (with constant pressure within a cell). The number of cells in the
two approaches was adjusted to keep the total number of non-zero entries in the coefficient matrices approximately equal. Notable differences
between the two methods include the following:
(a) a simultaneous (coupled) solution of the mass and the momentum
equations was implemented in FEM as opposed to the pressure correction (decoupled) strategy in FVM;
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(b) a variant of GMRES was utilized for FEM while BiCGStab was used
for FVM;
(c) in FVM, pressure was set to zero on the outflow plane, while in FEM,
the composite term containing pressure and the velocity gradient was
made equal to zero;
(d) d) FEM employed the anisotropic diffusion method of stabilization
while a hybrid upwind procedure was used in FVM.
The two codes were developed entirely by the authors and validated
against published results in the literature. The results generated by the
two methods matched well in terms of velocity for all flow configurations
- steady as well as oscillatory. In steady flow, the flow division between
the branches was unequal. Large shear stresses were seen at the apex.
In oscillatory flow, the fields of velocity and vorticity resembled steady
flow at the peak phases. Recirculation patterns were seen in the artery
at the zero phases of the heart cycle. These patterns are revealed as
vorticity patches with a pressure extremum contained within. Thus,
pressure peaks are expected to act on the walls periodically at these
time instances, which correspond to net zero flow.
While the FEM implementation was parallelized using domain decomposition via the Schur complement method, OpenMP on a shared memory
machine was used for FVM. While both methods led to over 60% scaling
efficiency on up to 8 processors, the coupled FEM approach was found
to be faster than the decoupled FVM pressure correction approach by a
factor of more than 20 on the meshes studied.
This study shows that both the FEM and FVM methods implemented by
the authors are capable of simulating intricate flows in complex anatomical geometries and are thus well-suited to biomedical flow problems.
Given the selected implementation and parallelization options aiming at
optimizing the resulting software package the FEM solver massively outperformed FVM. Whether or not this result can be generalized to other
implementations of these schemes might be subject to debate, however,
it is highly probable that the overbearing advantage of FEM over FVM
observed here does not only depend on the actual implementation, but
also on the fundamental properties of these methods, specifically the
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(de)-coupled treatment of the mass and momentum equations. Therefore we believe that our observations can serve as guidance for future
implementation decisions.
The present schemes may serve to expand research development in allied
areas of biofluid mechanics. These include biomagnetic micropolar flows
[Bhargava et al. 2010], cranial blood flows [Moskalenko et al. 2001],
artificial valves [Makhijani et al. 1997] and peristaltic non-Newtonian
biomagnetic flows [Nadeem and Akram 2010]. These areas need rapid
expansion and our methods can be successfully adapted to study oscillatory phenomena in these contexts.
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Name
Cells
Nodes
Unknowns
Non-zeros
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S
88’240
16’857
-

FVM
M
L
406’024 1’199’728
78’310
227’309
4’798’912
23’570’240

S
22’060
16’857
-

FEM
M
50’753
78’310
-

L
149’966
227’309
713’969
24’271’103

Table 3.1: Mesh and resulting matrix sizes for the physiological bifurcation model.

Figure 3.1: Geometrically invariant feature of a tetrahedral element.
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Figure 3.2: Center-line velocity profiles for a square cavity, Re=400,
at the plane of symmetry z = 0.5 computed using FVM and FEM and
compared with the literature.
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Figure 3.3: Center-line velocity profiles for a square cavity, Re=400,
at the plane of symmetry z = 0.5 computed using FEM; effect of α, the
anisotropic diffusion parameter.
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Figure 3.4: Contour plots of steady state temperature distribution on
different planes of a square cavity. (a) Symmetric mid-plane (b) Vertical plane perpendicular to the symmetric mid-plane (c) Horizontal midplane parallel to the moving lid. Predictions of FVM (left column) are
compared to FEM (right column).
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Figure 3.5: Geometry of the physiological bifurcation model.
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Figure 3.6: (a) Geometric model with boundary conditions. (b) Grid
description of the of physiological bifurcation model at the inflow plane.
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Figure 3.7: Time varying trace of axial velocity prescribed at the inflow
plane of the bifurcation model. Points a-f indicate key instances of time
at which the flow fields are plotted. Results obtained after the passage
of several such cycles are presented.
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Figure 3.8: Physiological bifurcation: Steady state distribution of the
x component of velocity (u) over selected horizontal planes.

Figure 3.9: Physiological bifurcation: Steady state distribution of the
y component of velocity (v) over selected horizontal planes.
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Figure 3.10: Physiological bifurcation: Steady state distribution of the
z (vertical) component of velocity (w) over selected horizontal planes.

Figure 3.11: Physiological bifurcation: Steady state distribution of the
magnitude of velocity over selected horizontal planes.
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Figure 3.12: Physiological bifurcation: Steady state distribution of the
magnitude of vorticity (s−1 ) over the surface of the artery.

Figure 3.13: Physiological bifurcation: secondary flow patterns on selected horizontal planes.
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Figure 3.14: Physiological bifurcation: Steady state distribution of the
x component of velocity (u) over the vertical mid-plane.

Figure 3.15: Physiological bifurcation: Steady state distribution of the
y component of velocity (v) over the vertical mid-plane.
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Figure 3.16: Physiological bifurcation: Steady state distribution of the
z (vertical) component of velocity (w) over the vertical mid-plane.

Figure 3.17: Physiological bifurcation: Steady state distribution of the
magnitude of velocity over the vertical mid-plane.
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Figure 3.18: Physiological bifurcation: Secondary flow at three different horizontal planes at six time instances throughout the cardiac phase.
The peak phase when flow is in the vertically downward direction is indicated by the time instance (b).The peak phase when flow is vertically
upward is (e) while the phases when inflow is zero are (d) and (f).
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Figure 3.19: Physiological bifurcation: Contour plot of the vertical
velocity component w over selected horizontal planes at selected phases
of the cycle of oscillation. At each time instance, the left column shows
FVM, the right FEM results.
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Figure 3.20: Physiological bifurcation: Contour plot of the magnitude
of velocity over selected horizontal planes at selected phases of the cycle
of oscillation. At each time instance, the left column shows FVM, the
right FEM results.
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Figure 3.21: Physiological bifurcation: Contour plot of the magnitude
of vorticity over the wall at selected phases of the cycle of oscillation. The
peak phase when flow is in the vertically downward direction is indicated
by the time instance (b). The peak phase when flow is vertically upward
is (e) while the phases when inflow is zero are (d) and (f).
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Figure 3.22: Physiological bifurcation: Contour plot of the vertical
velocity component w over the vertical midplane in oscillatory flow. The
peak phase when flow is in the vertically downward direction is indicated
by the time instance (b). The peak phase when flow is vertically upward
is (e) while the phases when inflow is zero are (d) and (f).
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Figure 3.23: Physiological bifurcation: Contour plot of the velocity
magnitude over the vertical midplane at selected phases of the cycle of
oscillation. The peak phase when flow is in the vertically downward
direction is indicated by the time instance (b). The peak phase when
flow is vertically upward is (e) while the phases when inflow is zero are
(d) and (f).
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Abstract

Abdominal Aortic Aneurysm is a potentially life-threatening disease if
not treated adequately. Its pathogenesis is complex and multifactorial
and is still not fully understood. Many biochemical and biomechanical
mechanisms have been identified as playing a role in the formation of
aneurysms but it is as yet unclear what triggers the process. We investigated the role of the relevant biomechanical factors, in particular
the wall shear stress and the intramural wall stress by simulating fluid
structure interaction between the blood flow and the deforming arterial
wall in a healthy abdominal aortic bifurcation, the preferred location of
the disease. We then extended this study by introducing a hypothetical weakening of the aortic wall. Intramural wall stress was considerably
higher and wall shear stress considerably lower in this configuration, supporting the hypothesis that biomechanical aneurysmal growth factors are
self-sustaining.

4.2
4.2.1

Introduction
Background

Abdominal aortic aneurysm (AAA) is recognized as a major cause of
mortality in developed countries. Fifteen thousand people die every year
from AAA rupture in the United States alone, making it the 13th leading
cause of death in this country [Gillum 1995]. It is characterized by a
permanent and irreversible widening of the infrarenal abdominal aorta,
which, if left untreated, can dilate further and eventually rupture, leading
to death in most cases. Although this disease is increasingly common due
to ageing population, its precise causes are still not exactly understood.
It is generally believed that there is no single cause for its occurrence,
but AAA results from a complex interaction of many biochemical and
biomechanical processes in which genetic predispositions also play a part.
The observation that it often occurs simultaneously with atherosclerosis
led to the assumption that it is linked to this disease, although this
theory has been challenged recently [Grange et al. 1997]. Nevertheless,
from a biomechanical point of view, the study of both these pathologies
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requires precise knowledge of the local hemodynamic factors acting on
the arterial wall as well as the stresses within it. Until recently such
a holistic approach has been difficult to implement, due to limitations
of imaging equipment and in particular of computing power. Thanks
to recent technological advances we are now able to perform full fluidsolid interaction (FSI) simulations of the living artery with commercially
available hardware, thus gaining valuable insight into these processes.

4.2.2

Related Work

The pathogenesis of AAA is subject of ongoing research. A recent recapitulative study in this area is presented by [Ailawadi et al. 2003], who
point out the complexity of the disease and identify the main mechanisms participating in AAA formation. They agree with [Grange et al.
1997] to say that the wall structure and elasticity is changed in a diseased
artery as compared to a healthy one mostly due to degradation of elastin
and collagen, the two principal load-bearing fibers of the extracellular
matrix, by biochemical processes.
There is a large number of publications pertaining to the elasticity and
deformation model of the arterial wall. [Zhao et al. 1998] present a
good overview of this topic and show the large diversity of approaches.
Every author seems to develop a new mathematical model of his own,
making it very difficult to choose a particular one from the literature.
Of special interest to us is the contribution by [Raghavan et al. 1996]
who compare the elastic properties of an aneurysmal arterial wall with
those of a healthy one and link the elastin and collagen contributions to
an overall constitutive equation.
Raghavan expands and uses this model in subsequent work [Raghavan et
al. 2000] for simulating the intramural wall stress (IWS) in AAAs, using
patient specific geometries and static pressure-loading. Much research
is taking place in this direction, the main idea being to develop a useful
clinical tool to assess an AAA’s risk of rupture as the current indicators
(aneurysmal diameter or, more recently, volume) are considered inexact,
[Vorp and Geest 2005] for an overview. [Leung et al. 2006] went further
and performed a fully coupled FSI simulation to evaluate the rupture
risk, but concluded that considering the amount of computational power
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and time involved, and the small difference in results, static models were
already sufficient for this kind of analysis.
AAA is known to preferentially occur distal to the renal arteries and
proximal to the arterial bifurcation. This has led to the hypothesis that
the complex flow patterns occurring here are a possible cause, in particular that low time-averaged wall shear stress (WSS), flow recirculation
as well as high temporal gradients of wall shear stress are important factors in atheroscopic plaque formation and aneurysmal genesis. Several
researchers have simulated blood flow at the abdominal bifurcation so
as to quantify these effects, e.g. [Long et al. 2000a], but they do not
account for the biomechanical effects inside the wall.
In fact, there is little to be found in the literature on IWS in a healthy
aorta. [Zhao et al. 1998] have reviewed the available tools for FSI
simulations and presented their own method applied to model a carotid
bifurcation.
FSI simulations are now becoming more accessible due to the technological progress of computer hardware and in particular the availability
of 64 bit architectures, offering increased memory. We propose to use
the opportunities which these improved conditions open to closer investigate and analyze the biomechanical processes inherent to aneurysmal
growth, using a holistic approach. The novelty of our study lies in the
investigation a healthy patient-specific artery using FSI and to model its
long-term weakening based on biomechanical factors.

4.3

Methods

Workflow pipeline We start the procedure by acquiring the MRI data
from which the arterial lumen is segmented. This geometry is then filled
with a tetrahedral mesh and prisms are extruded to create the wall
mesh. A FSI simulation is then performed to model the behavior of a
healthy artery throughout a heart cycle. Finally a wall weakening is introduced to study the long-term behavior of a diseased aorta.
The MRI data were acquired using a Philips Achieva 1.5T, using a 3-D
phase contrast (PC) pulse sequence, which provided a time-resolved ve-
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locity field as well as bright blood anatomy images of the lower abdomen
of a healthy 35 year old male volunteer. The slices are taken perpendicularly to the infrarenal abdominal aorta. The images are 224 × 207 pixels
in size for 20 slices, with a slice thickness of 5mm and an in-plane pixel
spacing of 1.29 mm, over 24 phases of the cardiac cycle. These data were
recorded in 18 min (pure measurement time) and the volunteer had to
perform breath holds during the acquisition cycles. The velocity data
were used as a reference for validation of the simulated blood flow.
The arterial lumen was segmented from the anatomy images and smoothed,
so as to produce an initial surface mesh. This was then used as input
to a novel meshing algorithm [Szczerba et al. 2007b] resulting in a high
quality tetrahedral mesh with refinement close to the walls. Three layers of 0.5 mm thick prisms were then added to the surface, to model
the aortic wall as this is typically ∼ 1.5 mm thick [Leung et al. 2006].
These prisms were then subdivided into tetrahedra. Figure 4.1(a) shows
a cutaway of the final mesh. The refinement of the lumen mesh is necessary for two reasons: firstly it speeds up computations enormously and
secondly it ensures a sufficiently high resolution at the interface. This
is desirable as the wall is thin, but still needs to have at least three
layers of cells for reliable predictions. In order to have wall elements
which are not excessively thin radially, they need to have short edges in
the circumferential direction. The final lumen mesh consists of 10’043
tetrahedra with an average quality of 0.74 (defined as normalized radius
ratio of circumscribed to inscribed sphere), while the wall mesh contains
25’686 tetrahedra with an average quality 0.41.
The simulations were performed by a finite element model (FEM) code,
solving the incompressible Navier-Stokes equations coupled with the
structural mechanics stress equations and using an Arbitrary Lagragian
Eulerian (ALE) model for mesh displacement. All the mesh elements
were chosen to be Lagrangian quadratic. The coupling is passive in the
sense that we do not address momentum transfer from constricting walls.
The geometry was fixed at both inlet and outlets and a sinusoidal pressure wave, mimicking the systolic and diastolic pressure distributions was
prescribed as boundary conditions for the flow equations. The flow was
assumed to be laminar, incompressible and Newtonian (an assumption
which has shown to be valid for large arteries [Berger and Jou 2000]),
with a density of 1020 kg/m3 and a dynamic viscosity of 0.003 P a/s.
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The arterial wall was considered to be linear elastic as this has shown
to be a valid approximation for pressure loading within normal systolic
and diastolic ranges [Leuprecht et al. 2002], with an elasticity modulus
of 2.7 106 P a, a density of 2000 kg/m3 and a poisson ratio of 0.49, so
almost incompressible.
In aneurysmal tissue the extra-cellular matrix has been observed to be
degraded. One hypothesis for this degradation which has been proposed
by [Vorp and Geest 2005] is that this is due to large stress over a period
of time. From a biochemical point of view this corresponds to saying
that the elastin and collagen, the main components of the extra-cellular
matrix, are degraded when they are under load, leading to long term
plastic behavior of the aorta. We simulated this by locally decreasing
the Young’s modulus in the infrarenal abdominal aorta above the bifurcation, corresponding to the observed preferential localization of the
disease. We incrementally weakened the arterial wall so as to observe
the effect this would have on WSS and IWS. The localization was governed by an upside-down Gaussian bell, which was multiplied with the
weakening factor:
E = E0 (1 − w) e

−(z−z0 )2
2
2σz

,

with E0 being the original Young’s modulus, w the weakening (w = 0.1
would mean the minimal E would be 10% smaller than E0 ), z0 was set
as the midplane between the renal arteries and the iliac bifurcation and
σz was chosen to be 30% of the geometry’s full length.
The use of a Gaussian bell can be justified by the propagative nature
of the weakening process, which is internally driven by failure of the
strengthening fibers in the extra-cellular matrix. Fibers adjacent to a
broken one will suffer from increased strain and thus have a high likelihood of failing as well. In a first order approximation we model this
propagation as diffusion, but a more sophisticated model could be easily
integrated.

4.4

Results

Simulation of a Healthy Aortic Bifurcation The simulation of a
healthy aortic bifurcation revealed that time averaged WSS was low on
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the outer wall of the left branch at the bifurcation (see figure 4.3(c)),
which is the one with the larger takeoff angle. This correlates well with
the typical location of atherosclerotic plaques, but it is also interesting to
observe that the upper portion of the geometry (proximal to the bifurcation), especially on the anterior side, also suffers from low time averaged
WSS (see figure 4.3(b)). It may also be observed that the aorta proximal
to the bifurcation has a higher IWS than in the iliac arteries (see figures
4.3(e) and 4.3(f)) and this holds throughout the cardiac cycle (see figure
4.1(b)). This region is typically prone to AAA and the causes may lie in
a combination of low time averaged WSS, causing atherosclerotic plaques
which locally modify the wall’s mechanical properties and high time averaged IWS, causing fatigue in the elastin and collagen fibres which may
eventually become degraded. The use of a coupled model also allows for
the computation of displacements of the aortic walls during the heart
cycle. The maximal displacements were observed at the bifurcation (see
figure 4.3(a)), in the locations where the IWS is largest. The computed
displacements are 4.3 times greater at these locations than the average
wall displacement, being up to 1.02 mm at peak systole. This localized
concentration of high IWS is very similar to what [Thubrikar et al. 1990]
found at arterial branchings.

(a)
(b)
Figure 4.1: (a) Cutaway of the mesh used for simulation. (b) IWS
stress along line s at different phases of the cardiac cycle: +: during
systolic acceleration, ◦: at peak systole ∗: during diastolic deceleration
and 2: at peak flow reversal.

Simulating Aneurysmal Growth The weakening (w) was incrementally increased until reaching a maximum of 96 %. The results are shown
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in figure 4.4. Figure 4.4(b) shows the IWS in the weakened aorta (with
maximal weakening) at peak systole, this is on average 1.54 times larger
than in the healthy aorta, the most noticeable differences being on the
posterior wall. Despite the smaller Young’s modulus, the stresses are
clearly higher in a weakened artery, this is in agreement with [Leung
et al. 2006] and [Fillinger et al. 2003] who also find higher average
stress in the aneurysmal area than in the healthy one. The WSS (see
figure 4.4(b)) is on average 0.74 times that in a healthy aorta. Figure
4.2(b) shows the evolution of these factors as a function of weakening of
the aorta. Assuming WSS and IWS are factors which degrade the wall,
they are also factors which worsen with wall decay, suggesting that the
aortic wall weakening will lead to a snowball effect. When considering
the results shown on figure 4.2 (solid lines), one would expect that an
aneurysm is doomed to rupture within a short delay, due to the exponential nature of the process. However, this does not take into account
the formation of atherosclerotic plaques in the intima, which is caused
by low time averaged WSS and contributes to stiffening the wall. We
performed a study of the effect this would have by adding a term to the
Young’s modulus which increased in areas of low WSS. As figures 4.2
(dotted lines) show, this indeed stabilizes the weakening process to some
extent.
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Figure 4.2: The effect of weakening on the arterial wall: (a) increase
in artery diameter, (b) average IWS and average WSS. In both cases
the dotted line shows the effect of plaque formation and the solid one
ignores it.
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Validation

Validation of such a simulation is always difficult, as there is no in vivo
gold standard. We are, however, able to compare the simulated flow
velocity to that measured by MRI, even though this also has an inherent
error. We found that our computed velocity profile (see figure 4.3(d)) is
qualitatively similar to the MRI profile, even though the latter is rather
noisy especially at low velocities (flow reversal). Quantitatively it is hard
to compare the two as we rely on a hypothetical pressure profile, which
corresponds to average physiological values, but does not necessarily
match that of the actual volunteer. We therefore prefer to compare our
findings with generic results of other researchers active in this field. We
find similar flow profiles as [Long et al. 2000a] and [Taylor et al. 1998]
and we are also in quantitative and qualitative agreement regarding the
time averaged WSS distributions. [Zhao et al. 1998] present the stress
distribution in a healthy abdominal aortic bifurcation and, although they
use a static model and lower pressure load, the spatial variation they find
is very similar to ours.

4.6

Conclusions

We have performed a full FSI simulation of a healthy aortic bifurcation
with physiological loading. We have shown that both low WSS and high
IWS are to be found preferentially in the aorta proximal to the bifurcation and distal to the renal arteries, which correlates well with the typical
positioning of AAAs. We have also shown that using the same model,
but with a locally weakened wall, the biomechanical factors contributing
to aneurysm growth are worsened, thus causing a snowball effect which
to continual growth of the aneurysm and ultimately to rupture. However, we were able to demonstrate that atherosclerotic plaque formation
counteracts this effect and may help to reach an equilibrium in the process. In the future we hope that such a tool could be used to identify
risk factors and eventually to predict the onset and the evolution of the
disease.

4.6. Conclusions
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(a) Absolute displacement of wall
at peak systole (in
mm).

(b) Time averaged
WSS,
anteriorposterior view (in
N/m2 ).

(c) Time averaged
WSS,
posterioranterior view (in
N/m2 ).

(d) Velocity profile
at systolic peak (in
m/s).

(e) Time averaged
IWS (in N/m2 ),
anterior-posterior
view.

(f) Time averaged
IWS (in N/m2 ),
posterior-anterior
view.

Figure 4.3: Results of simulation.
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(a)
Weakened
artery deformation
as
compared
to
healthy one.

(b) IWS at peak
systole,
posterioranterior view.

(c) WSS at peak
systole,
posterioranterior view.

Figure 4.4: Results of simulation using a weakened artery.
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Abstract

Obtaining high quality patient-specific flow velocity information is not
an easy task. Available clinical data are usually poorly resolved and
contain a significant amount of noise. We propose a novel approach to
integrate computational fluid dynamics with measurement data to overcome this difficulty. By performing a proper orthogonal decomposition
of simulated blood flow patterns for a given vascular location with various anatomical configurations it is possible to obtain a basis model for
flow reconstruction. This is used to interpolate imaging data intelligently
without having to perform a full flow simulation for each individual patient. This work focuses on assessing the feasibility of such a method.

5.2

Introduction

Obtaining accurate patient-specific blood flow information is essential
for understanding cardio-vascular pathologies and predicting their onset
[Taylor and Draney 2004]. For example, in the case of abdominal aortic
aneurysms there is believed to be a significant correlation between flow
related parameters, in particular the Wall Shear Stress (WSS) and the
development of the disease. To date there are no clinical tools available
for efficiently measuring these complex flow patterns in-vivo. Recently,
Phase Contrast Magnetic Resonance Imaging (PC-MRI) has gained popularity as it is able to measure time-resolved three dimensional flow fields
non-invasively [Maier et al. 1989]. However, it has limited resolution
and suffers under low signal to noise ratio, in particular at low flow
velocities. To overcome these limitations it has been proposed to use
Computational Fluid Dynamics (CFD) [Steinman 2002] in conjunction
with medical imaging so as to obtain highly resolved time-dependent
flow fields. This offers many advantages as it gives access to a wealth
of data, not only velocity but also pressure distributions as well as secondary flow properties, such as WSS, which can easily be estimated
by post-processing. Unfortunately such simulations require considerable
computational effort. Another drawback is that this approach does not
integrate much flow information from the measurements. Typically the
only flow data which are taken into account are the mass flow rate at
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the inlets and outlets [Milner et al. 1998], the flow velocity distribution
at the inflow and mass flow at the outlet [Long et al. 2000b] or even
just an assumed flow waveform applied on the patient-specific geometry
[Moore et al. 1999]. Using mass flow rate and a generic inflow velocity
distribution completely ignores the effect of upstream disturbances and
using a velocity field directly from the measurement means plugging any
measurement error directly into the simulation.
We propose a novel approach to the problem of integrating CFD with
PC-MRI measurements by performing all the simulation work beforehand to accumulate knowledge about the flow patterns typically occurring in a given vascular location. This is then used to perform an
intelligent interpolation based on the measurement data. We perform
a Proper Orthogonal Decomposition (POD) of a set of simulated flow
fields and then look for the modal reconstruction which best fits the
measurement data. This has the dual advantage of not requiring any
patient-specific simulation and integrating a maximal amount of measured flow information into the final result, while still using the CFD
solutions to reconstruct the fine detail. The method we use is based on
Blanz and Vetter’s work [Blanz and Vetter 2002], which was originally
developed for shape prediction from partial information and incorporates
the treatment of noise in the measurement data.
POD, known in other fields as Principal Component Analysis or KarhunenLoève Transform is a widely used tool in Fluid Dynamics. Its main
applications are for turbulence analysis [Berkooz et al. 1993] or model
order reduction [Dowell 1996]. Recently there has been work on gappy
data reconstruction using POD [Venturi and Karniadakis 2004], where a
full flow field is recovered from partial information, but without using a
database and therefore not suitable for recovering a full flow field from
very sparse data. In experimental fluid dynamics POD is often used,
e.g., for data filtering, but to our knowledge it has never been used the
way we propose here. In the field of biomedical imaging POD is used
in statistical shape models for predicting organ motion [von Siebenthal
et al. 2007] or model-based segmentation [Hug et al. 2000]. In comparison to the existing work our method brings two major novelties.
Firstly, applying these methods to flow fields is a non-trivial step as
these are non-linear and significantly less well behaved than the vector
fields occurring in other applications; secondly, all the previous methods
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use measured data to build their database, whereas we utilize simulation
results.

5.3

Methods

Our approach relies on collecting a large number of patient-specific vascular geometries and determining possible flow fields by CFD calculations, based on a representative, parameterized set of boundary conditions. We focus on the particular example of blood flow in the abdominal
aortic bifurcation, which is of significant medical relevance as it is a determining factor in the pathogenesis of abdominal aortic aneurysms, a
leading cause of death in developed countries. It also has the advantage of being a large geometry with fast flowing blood, making it a good
example to assess the performance of our approach. Because this work
aims to demonstrate feasibility rather than implement and validate a
new method, we chose to use a 2D geometry, so as to test our assumptions on a simplified and well-defined problem and also to increase the
amount of full time-dependent simulations we are able to perform. The
key to our method is a database of trusted solutions. For the sake of this
feasibility study we replace the representative collection of real patient
anatomies with systematically generated 2D bifurcation geometries.

Generating the set of sample meshes We started by constructing
a reference mesh of a bifurcation. We then created several other meshes
by changing the left and right branch take-off angles and adding more or
less curvature to the reference mesh. These parameters were normally
distributed within the approximate range of their natural variability as
determined by [Sun et al. 1994], corresponding to a statistical variation
of the bifurcation shape in real patients. The meshes all have 130 191
nodes and 250 682 cells.

Flow simulations We then assigned different inflow boundary conditions to each mesh, these were parameterised using 3 variables: amplitude, flow frequency and flow asymmetry. The flow parameters were
distributed in the same fashion as the geometric ones. In this way we
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generated several different flow problems, depending on 3 randomly distributed geometry parameters and 3 randomly distributed flow parameters, the mean values and standard deviations of which can be seen in
figure 5.1. The simulations were performed by a Finite Element Method
(FEM) code, solving the incompressible Navier-Stokes equations. The
flow was assumed to be laminar, incompressible and Newtonian, with a
density of 1020 kg/m3 and a dynamic viscosity of 0.003 P a/s. A timedependent velocity profile was imposed at the inlet and the pressure was
fixed at both outlets. The simulations were all performed for 5 heart cycles, the solution being taken at 100 evenly spaced timesteps in the last
cycle. This resulted in a database corresponding to a set of simulations
performed for several patient specific cases. Even if relying on artificial
geometries, the key assumption at this point remains that the anatomies
considered are trusted and representative for a larger population. We
will refer to these database entries as the ‘real’ flow fields throughout
the paper.
Coordinate transform In order to make the simulated data comparable between the individual models, a common coordinate system is
needed. As all geometries are deformed versions of the same mesh, the
nodal correspondences are trivial. However, for the x and y velocity components to be comparable they need to be mapped onto a locally adapted
coordinate system. In this 2D case, this was generated by solving two
diffusion problems, one for the x components of the edge tangents and
one for the y components. These are applied as Dirichlet boundary conditions on the flow domain and the diffusion equation is solved on the
inside. The resulting two scalar fields are then used as the components
of a smooth body-fitting vector field, as can be seen in figure 5.2. This
is used to define a locally adapted coordinate system.
Simulating an MRI Measurement To generate pseudo-MRI measurements for our simulated flow fields in 2D, we create one image
per timestep by averaging the velocity values inside each measurement
pixel defined according to a realistic acquisition protocol, thus simulating the partial volume effect. We chose a y (in-plane) resolution of
dy = 1.29 [mm] and an x (out-of-plane) resolution of dx = 5 [mm],
corresponding to the usual anisotropy of the acquisition. The tempo-
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Parameter
Right Branching Angle [◦ ]
Left Branching Angle [◦ ]
Geometry Curvature [◦ ]
Flow Amplitude [m/s]
Flow Frequency [1/s]
Inflow Asymmetry

µ
158.5
156.3
0
0.7
1.333
0

σ
5.2
7.5
5
0.1
0.25
0.35

Figure 5.1: Mean values (µ) and standard deviations (σ) of the 6 parameters used to generate the various simulations.

Figure 5.2: Body-fitting coordinate system.

ral resolution was reduced to 20 timesteps. The measurement error was
taken to be 5% of the maximal absolute value of u and v, as given in
the literature [Frayne et al. 1995] and modelled as white Gaussian noise.
As a consequence, the absolute amount of noise is different in x and y
direction, which is typical for PC-MRI. In the rest of the paper we will
refer to these data as ‘measured’.

Proper Orthogonal Decomposition and Flow Field Reconstruction Each simulation was characterized by a representative area of
interest, covering approximately 3 radii up and downstream from the
bifurcation apex. Both u and v, the x and y velocity components at all
timesteps from the simulations are converted into the body-fitted coordinate system and concatenated to a sample vector xi . Each vector is then
added to the sample matrix X = (x1 , x2 , ..., xm ). Given a measurement
r ∈ Rl , we are looking for the full-size solution vector x ∈ Rn , l < n,
which best approximates our measurement. The method we rely on was
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proposed by [Blanz and Vetter 2002], which we shortly summarize here.
We are looking for the solution x which minimises
E =k Lx − r k2 ,

(5.1)

where L is a mapping L : Rn → Rl . A POD of X is then performed and
we look for c, the phase space coefficients which minimise E.
Additionally Blanz and Vetter extended the cost function with an additional term, which allows one to take the uncertainty of the measurements into account. This is based on the assumption that our measure2
.
ment r is subject to an uncorrelated Gaussian noise with a variance σN
[
This was taken to be 5%, the accepted error for PC-MRI Frayne et al.
1995]. This results in a combined cost function,
2
E =k Qc − r k2 +σN
· k c k2

(5.2)

which reduces the strength of the constraints imposed by each measured
value. Q is composed of the reduced set of the scaled eigenvectors of X.
For more details on how this cost function is built and then minimized
refer to [Blanz and Vetter 2002].

5.4

Results

A total of 43 simulations were performed, each with different parameters,
as described in section 5.3. The results from a subset of these are shown
in figure 5.5, or in more detail in figure 5.7(c).
To test the accuracy of our reconstructions we performed a series of leaveone-out tests. A pseudo-MRI measurement is generated for the left-out
example, such as can be seen in figure 5.7(a). We build our database
from the remaining simulations (42 samples) and then try to reconstruct
the original flow data from the measurement and the database. The
outcome of such an enhanced flow field can be seen in figure 5.7(b).
Figures 5.8(a) and 5.8(b) show the flow perpendicular to two different
cross-sections. It can be seen that the recirculations are well captured
despite the low velocities and correspondingly high noise levels. Not only
does the method capture the flow structures common to all simulations,
such as the flow recirculation in front of the apex, but also those which
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are much more geometry dependent such as the recirculation upstream
of the lower branch, as seen in the bottom left corner of 5.7(c) and
5.7(b). This demonstrates the method’s ability for recovering flow detail
invisible in the measurement (see figure 5.7(a)) from the precomputed
CFD solutions.
Figures 5.3 and 5.4 show the compactness and generalization ability
of the model, which are the standard tools for evaluating the quality
of a statistical shape model. Compactness (C(M )) is the sum of the
model’s eigenvalues from 1 to M expressed as a fraction of their total
sum. Generalization (G(M )) is obtained by doing leave-one-out tests for
all simulations in the database, using only M samples for reconstruction.
The mean reconstruction error across all simulations, expressed as the
sum of squared differences between estimated and real flow fields, is then
plotted along with its standard deviation. For a detailed description
of statistical model characterization, please refer to e.g. [Styner et al.
2003]. As shown in figure 5.3, the first 17 modes already contain 98% of
the model’s variance. It may be seen on figure 5.4 that the achievable
accuracy stabilizes after using approximately 15 modes.

Figure 5.3: Compactness of the Figure 5.4: Generalization ability
model.
of the model.
We further investigated the number of MRI slices needed to achieve reasonable accuracy. The results of this study are depicted in figure 5.6.
The first slice used was the one closest to the inlet, the second was the
closest to the outlet and the following ones were further interleaved in
this fashion. The reconstruction error  is defined as the 4-norm of the
difference between the estimated and the real flow fields, as the more
common 2-norm did not account properly for localized errors. Interest-
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ingly, the reconstruction quality is better using a single slice than using
two. This is because the model’s fit close to the inlet (where slice 1 is
taken) has a much higher influence on accuracy than close to the outlet
(corresponding to slice 2), due to higher flow velocity.
From the point of view of computational effort, the method is highly
successful. Indeed, a full flow simulation took 1891 [s] on our 64-bit
Intel R Xeon R 8 core 2.66 GHz machine with 16GB RAM when using an
optimised commercial code, whereas the flow field reconstruction using
our method only took 48 [s], making it roughly 40× faster.

5.5

Discussion and Outlook

From a fluid-mechanical point of view the major drawback of the method
is that the estimated flow field does not solve the Navier-Stokes equations. However, for the physician, interested in the general flow patterns
and the WSS distribution, this detail is irrelevant and justifies our use
of a statistics based model instead of a physics based one. However,
should one need a Navier-Stokes solution, it remains possible to perform
a full simulation, using boundary conditions taken from the estimated
flow field. It should be noticed that the no-slip boundary conditions are
preserved as all the sample simulations fulfill them.
We have shown that our method provides good flow field estimates based
on noisy, poorly resolved measurement data. This is a very encouraging result, which leads to believe that such a method could be used for
enhancing PC-MRI images based on precomputed CFD solutions. However there are many issues which will have to be considered before going
on to a full 3D model, based on real MRI data. Most significantly, the
simulations needed to populate the database would take considerable
time and effort. They would each have to be based on separate, patient
specific datasets and accurately capture the real flow distributions. It is,
however, important to realize that the complexity of the simulations has
no effect on the efficiency and speed of the reconstruction, so one could
for example use Fluid Structure Interaction (FSI) simulations to capture
the wall motion as well. The mesh generation and coordinate transform
would become more complex and require some form of non-rigid registration to meaningfully map various geometries onto a reference. When
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Figure 5.5: The norm of velocity from the first 12 simulations
at peak systole in [m/s].

(a) Measured.

Figure 5.6: Reconstruction error
in function of the number of slices
used from the measurement.

(b) Enhanced.

(c) Real.

Figure 5.7: Flow field at end diastole showing recirculation zones.

(a) Before the bifurcation.

(b) Down the right branch.

Figure 5.8: Velocity perpendicular to line S at mid diastole. +: real,
: measured, ◦: enhanced.
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confronted with clinical data, which are usually pathological, the amount
of modes necessary to reconstruct a given case will increase and it might
even occur that a measured flow field lies completely outside the convex hull of the database. Should this occur, that particular flow field
should simply be simulated itself and added to the database, thus covering similar cases in the future. But basically these problems do not affect
the fundamental reconstruction algorithm and we envision that one day
such a method might be used to quickly obtain a highly-resolved flow
field from an MRI measurement without going through all the hassle of
dedicated numerical simulation, even if much work still remains before
such an approach can be integrated into the daily clinical practice.
Acknowledgments
This work was supported by the Indo-Swiss Joint Research Programme.

6
A Fast Alternative to
Computational Fluid
Dynamics for High Quality
Imaging of Blood Flow
Publication by:
Robert H. P. McGregor, Dominik Szczerba, Krishnamurthy Muralidhar
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Abstract

Obtaining detailed, patient-specific blood flow information would be very
useful in detecting and monitoring cardio-vascular diseases. Current approaches
rely
on
computational
fluid
dynamics
to
achieve this; however, these are hardly usable in the daily clinical routine
due to the required technical supervision and long computing times. We
propose a fast measurement enhancement method that requires neither
supervision nor long computation and it is the objective of this paper
to evaluate its performance as compared to the state-of-the-art. To this
end a large set of abdominal aortic bifurcation geometries was used to
test this technique and the results were compared to measurements and
numerical simulations. We find that this method is able to dramatically
improve the quality of the measurement information, in particular the
flow-derived quantities such as wall shear stress. Additionally, good estimation of unmeasurable quantities such as pressure can be provided.
We demonstrate that this approach is a practical and clinically feasible
alternative to fully-blown, time-consuming, patient-specific flow simulations.

6.2

Introduction

High quality imaging of blood flow patterns can provide useful information for understanding cardio-vascular pathologies, predicting their onset
and choosing an optimal therapy strategy. There is particular interest
in measuring wall shear stress (WSS) as this plays an important role in
the development of atherosclerosis and other flow-related diseases such
as aneurysms. Unfortunately WSS is extremely difficult to measure as it
is related to the derivative of velocity close to the wall, precisely where
most conventional imaging techniques are least reliable. The use of both
phase contrast magnetic resonance imaging (PC-MRI) and Doppler ultrasound, which are able to resolve flow fields in vivo and non-invasively
in complex geometries have been studied extensively (e.g. [Meckel et al.
2008] or [Tortoli et al. 2006]). Although they are found to be well suited
for estimating the approximate time- and spatially-averaged WSS patterns, both these modalities suffer from poor resolution and, even more
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importantly, from inadequate accuracy near the wall due to partial volume effects or wall motion induced artifacts, thus making them unable
to provide high quality WSS estimates. However, these limitations can
effectively be overcome by using computational fluid dynamics (CFD)
in conjunction with medical imaging [Papathanasopoulou et al. 2003],
which allows for very detailed flow field representations. Moreover, CFD
is able to provide any desired (and usually non-measurable) flow quantities such as vorticity or pressure distributions which can be very useful
for, e.g., aneurysm rupture prediction. The richness of the CFD simulation data has motivated a large research effort to investigate its use in
patient-specific flow imaging (see [Steinman et al. 2003] for a review)
and there is much hope that these results could significantly contribute
to the improvement of the diagnosis and treatment of vascular diseases
such as cerebral aneurysms [Sforza et al. 2009]. However the use of
computer simulations requires in-depth numerical knowledge and enormous computational power and time, which makes them impractical for
routine patient care and has kept them out of the clinics for the time
being.

We have already proposed a clinically feasible approach to the combination of patient-specific measurement data and CFD [McGregor et al.
2008]. This previous work focussed on exploring the potential of such
an enhancement technique on a simplified 2D case. We now evaluate
the quality of such 3D flow field reconstructions using a large database
of abdominal aortic bifurcation geometries. We focus in particular on
the quality of the WSS estimations, as this type of secondary flow information is extremely sensitive to measurement accuracy. Acquisition of
several hundred real patient cases is a dedicated effort in itself and is not
the focus of our current study. We therefore use artificially generated
but statistically meaningful geometries. This approach conveniently provides us with a ground truth to evaluate our results and simultaneously
reduces artifacts caused by faulty reconstruction of the geometry. In
practice, this measurement enhancement technique could be applied to
any imaging modality which is able to detect the geometry and preferably some flow velocity data, but we have chosen to focus on PC-MRI
as this can measure both geometry and time-resolved flow velocity fields
non-invasively.
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Enhancement method The method is fully described in our previous
work [McGregor et al. 2008] and will just shortly be summarized here for
completeness. We use a large database of pre-computed flow fields for a
given anatomical location and use these to perform an interpolation of
actually measured, sparse and noisy velocity data, allowing us to recover
a patient-specific, high quality flow field. Principal component analysis
is applied to the database and the enhancement is performed as an optimisation in frequency space, using the method proposed by Blanz and
Vetter [Blanz and Vetter 2002], analogously to the procedure used in statistical shape models. For a basic overview of this enhancement method
see figure 6.1. The main difference to our previous 2D implementation
lies in the mesh generation, mesh mapping and its associated coordinate
transformation. Indeed, to achieve this in 3D with bifurcation geometries a radial coordinate system was used, the axial component being
recovered by solving the Stokes equations with constant pressure boundary conditions at the inlet (p1 = 1) and both outlets (p2 = 0). In this
way a coordinate system common to all bifurcations could be generated,
thus making the velocity components comparable across geometries.
CFD
map onto
simulations base mesh

1
build database of
CFD simulations

patient-specific
2 PC-MRI
segment

simulation
database

map onto
base mesh
PCA of
database

interpolation in
modal space

3

enhance
measurement

transform back
to real space
map back to
patient mesh

Figure 6.1: Method flowchart.

Building the database As mentioned earlier, the database used here
is built entirely from artificial data for evaluation purposes. A base mesh
having the approximate physiological dimensions of an abdominal aortic
bifurcation and being symmetric with respect to the sagittal plane was
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first generated. This was then deformed using 18 geometric parameters
which were randomly varied within healthy physiological variability as
described by Sun et al. [Sun et al. 1994] to create the various meshes.
Additionally a random deformation field was applied to each geometry
thus perturbing the vessel wall with high frequency local variations. Fifteen randomly selected bifurcations from the database can be seen in
figure 6.4(f). Once the meshes became available, oscillatory flow simulations were performed in each one, using velocity boundary conditions
at the inlet and fixed pressure at the outlet. Skewed parabolic velocity
fields were used at the inlet, randomly varied with respect to oscillatory
frequency, skewness and amplitude to mimic a variety of upstream conditions. The pressure was set to 0 at both outlets, using the assumption
that the downstream conditions are the same for both iliac branches,
which is physiologically reasonable. Each simulation was run for 3 cardiac cycles so as to reduce transient effects and the results from the last
cycle were taken as our solutions. A total of 600 flow fields were generated in this fashion, each having its own specific geometry and boundary
conditions.
Recovering the pressure fields In addition to the velocities, the
pressure fields were also stored in the database. This allows us to recover the patient-specific pressure distribution at very little extra computational cost, which can be interesting especially in the case of aneurysm
rupture prediction, where the local pressure field plays an important
role.
Evaluating the accuracy of the method In order to evaluate our
method, 100 of the flow fields were randomly selected for leave-oneout tests and therefore removed from the database. We then simulated
PC-MRI measurements of each of these test cases. This was done in
two steps. First we defined a typical voxel size of 1 × 1 × 4 mm and
averaged the velocities inside each voxel for 20 equally-spaced timesteps.
Secondly, we added white Gaussian noise with a maximal intensity of
5% of the velocity encoding value (VENC). At voxels which are on the
boundary, the partial volume effect typical to PC-MRI was simulated by
adding nodes with 0 value outside the geometry before averaging. We
then compared the velocity, WSS and pressure distributions obtained
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from both the simulated flow measurements and from our enhancement
method with the ground truth, given by the original simulations. WSS
was computed in all cases by using quadratic shape functions of the
tetrahedra having a face on the wall, so the acquisition data had first to
be interpolated onto the mesh, similarly to Cheng et al. [Cheng et al.
2002].

6.4

Results

Having applied the enhancement for 100 test cases, the most obvious way
to present the results is a statistical evaluation: this can be found in table
6.1. For each quantity of interest and for each case we performed a linear
regression analysis of the type seen in figures 6.2 and 6.3 to evaluate how
well the measured and the enhanced 1 values compared to the simulated
ones. We then considered the r2 correlations (the square of Pearson’s
correlation coefficient) and the slope of the fitted linear functions as
these best characterize the fit. The closer both these numbers are to 1,
the better the observation matches the known data. In addition to this
statistical evaluation we show the simulated, measured and enhanced
flow, WSS and pressure fields for a representative case in figure 6.4.

Velocity Figures 6.4(a), 6.4(b) and 6.4(c) show typical flow fields during end diastole. This phase of the heart cycle was chosen as the velocities are low and recirculations near the boundary take place. In all
figures a detail of the streamlines is shown, demonstrating that these
recirculations are not resolved by the measurement, but do appear correctly in the enhanced flow field. However, despite being sparser and
noisier, the measured flow fields are still reasonably accurate, as shown
by the statistical data in table 6.1.

WSS Measured, enhanced and simulated WSS distributions at peak
systole and end diastole are shown in figures 6.4(d) and 6.4(e) respec1 We will systematically refer the original (gold standard) simulation data as
simulated, to the simulated PC-MRI data as measured and to the measurement data
after being enhanced by our method as enhanced.
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u
v
w
|U |
W SS
pressure

Measured
r2
slope
0.87 / 0.02 0.81 / 0.03
0.90 / 0.02 0.83 / 0.02
0.88 / 0.02 0.88 / 0.02
0.84 / 0.03 0.87 / 0.02
0.82 / 0.02 0.36 / 0.02

Enhanced
r2
slope
0.90 / 0.06 0.90 / 0.05
0.92 / 0.05 0.91 / 0.05
0.98 / 0.01 0.97 / 0.01
0.98 / 0.01 0.97 / 0.01
0.95 / 0.06 0.93 / 0.05
0.99 / 0.01 0.94 / 0.13

Table 6.1: Mean values and standard deviations over the 100 test cases
of the r2 correlation coefficients and the slopes of the fitted linear curves
relating both the measured and the enhanced data to the simulations
(ground truth) for all components of velocity (u, v, w), the norm of velocity (|U |), the WSS and the pressure.

tively. One may observe that the WSS as postprocessed from the measurement is clearly underestimated. However, its spatial distribution,
which is difficult to perceive directly from this illustration, is approximately correct. Figures 6.2 and 6.3 show the statistical correlations
between the measured and simulated and between the enhanced and
simulated WSS fields respectively for a representative case. It can be
seen by the slopes of the regression plots that the absolute values of the
measured WSS are significantly smaller than the simulated ones, whereas
the enhanced ones are in the correct range. This is mostly due to the
partial volume effect which leads to underestimation of the velocities
close to the wall. The results were similar in all cases, as shown by the
poor slope value for the measured WSS in table 6.1. The high correlation
and slope values obtained by the enhancement method indicate that it
is able to reconstruct WSS patterns with very good accuracy and could
thus effectively replace full CFD simulations for this task.

Pressure We show no data for the measured pressure fields, as there
is no way of measuring a full pressure field by any known in-vivo, noninvasive method. Despite having no measured pressure information, the
reconstructed pressure fields were very well correlated with the simulated
ones (see table 6.1) and the close similarity of the pressure distributions
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at peak systole and end diastole shown in figures 6.4(g) and 6.4(h) is
typical for all cases.

Figure 6.2: Correlation of the Figure 6.3: Correlation of the enmeasured with the simulated WSS. hanced with the simulated WSS.

6.5

Discussion

The fact that both the measured and enhanced velocities correlate well
with the simulated ones confirms the work of other authors (see e.g.
[Boussel et al. 2009] or [Hollnagel et al. 2007]) who also conclude that
PC-MRI is adequate for acquiring the velocity field. However it must
be remembered that the enhanced field can have any desired spatiotemporal resolution, whereas the measured PC-MRI data is limited in
this respect. Also we focused here on the case of the abdominal aortic bifurcation which is a relatively large vessel. In smaller vessels the
resolution limits of this modality will very quickly become prohibitive.
However the inability to resolve lower velocities and those near the endothelium has a disastrous effect on the WSS predictions. As shown
here and confirmed by others, [Katritsis et al. 2007] the WSS values as
obtained directly from PC-MRI are by far not accurate enough, in particular with respect to their amplitudes. The approximate location of
regions of low or high WSS can be adequately obtained, but only timeand spatially-averaged values can be considered. Should one desire a
better quality WSS prediction, information from CFD must be used and
our method is able to provide this with high accuracy, without needing
the enormous computational resources required for such simulations.
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(a) Measured velocity.

(b) Enhanced velocity.

(d) WSS at PS.

(f) Some geometries.

(c) Simulated velocity.

(e) WSS at ED.

(g) Pressure at PS.

(h) Pressure at ED.

Figure 6.4: Streamlines of velocity (top row) at end diastole, with
zoom on a recirculation, WSS (middle row) and pressure (bottom row)
at both peak systole (PS) and end diastole (ED) and 15 geometries from
the database (bottom left).
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We focused here on two flow quantities other than velocity: WSS and
pressure, but obviously any other flow-related variable such as vorticity
or oscillatory shear index can also be addressed by this enhancement
strategy. Another interesting extension would be the integration of full
fluid-structure interaction (FSI). In this study we considered fixed walls,
but adding FSI is possible in a straightforward manner. It would require
much more computational effort to generate the database but would
have little or no impact on the speed of the enhancement procedure
while delivering a lot more information such as intramural wall stress.
We focused on healthy, i.e. relatively regular geometries which, while
still showing very complex flow patterns, have much less variability than
pathological cases such as aneurysms. However, addressing these will
not require any modifications of the overall framework, only that the
database be adequately larger to account for the added variability.

6.6

Conclusions and Outlook

We have shown a 3D extension of our previously presented flow measurement enhancement strategy and evaluated its performance using a
large, representative, synthetic dataset. We were able to demonstrate
that it provides reliable predicions about flow and clinically important
flow-related quantities, clearly surpassing the quality of direct measurements. We conclude that this is an attractive alternative to costly, fullyblown CFD simulations as it is able to achieve similar quality while being
orders of magnitude faster (minutes rather than hours or even days). Future work in this direction will now focus on using real patient data and
pathological variability, both to build the database and to test the enhancement. However, this evaluation has shown that our approach is
a significant step towards bringing the full richness of CFD into daily
clinical practice.
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Abstract

The study of hemodynamic conditions in patient-specific geometries is of
great interest to the understanding of cardio-vascular pathologies. Performing large-scale studies of these blood flow conditions requires the
building of databases with numerous flow simulations in known correspondences. We propose a method for efficient preparation of the imaging data for use in such studies, comprising an automatic high quality
mesh generation strategy and a coordinate mapping technique. Our approach deforms a high quality template mesh to fit a patient-specific geometry using a transformation obtained in a registration step. A valuable
feature of this technique is that all the generated meshes are by definition
co-registered and have the same mesh topology. This, combined with the
coordinate mapping makes direct inter-patient comparisons significantly
easier. We apply our method to generate patient-specific meshes of the
adbominal aortic bifurcation and demonstrate that it is able to provide
high quality meshes in a fully automatic way.

7.2

Introduction

Cardio-vascular diseases are the major cause of death in the developed
world and their prevalence is on the rise. This fact, combined with
rapidly improving access to high-power computing has led to a large
research effort dedicated to simulating blood flow in the human body.
Indeed, there is believed to be a significant correlation between the onset
and development of cardio-vascular pathologies and local hemodynamic
conditions, so understanding these by simulating them could prove to be
a key advance in health science. In the long-term it is hoped that such
simulations could provide tools for better risk assessment, treatment
decision facilitation or even surgical outcome planning.
In this context, there is interest in collecting patient-specific simulation
results into databases which could then be used for large scale studies.
Such collections of simulations are used e.g. in the @neurIST project1
1 @neurIST: European Initiative to Integrate Biomedical Informatics in the Management of Cerebral Aneurysms: http://www.aneurist.org
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or in the measurement enhancement method by McGregor et al. [McGregor et al. 2009]. Building simulation databases requires a lot of
pre-processing, mostly to convert the imaging data into model geometries. The requirements for this preprocessing pipeline are as follows: (1)
it should be as automatised as possible while still giving the user enough
control; (2) it should guarantee high-quality content; (3) the resulting
simulations should be co-registered for easy comparison; (4) it should be
robust to pathological alterations; and (5) it should accept input images
from any modality.
In the case of computational fluid dynamics (CFD) simulations, the first
step is the creation of a body-fitting mesh to be used with the finite
volume or finite element codes. The quality of these meshes greatly
influences the convergence rates and overall accuracy of the numerical
calculations. Generating the meshes needed for CFD simulations from
patient-specific imaging data is a demanding task and is often the bottleneck in the pre-processing pipeline. Although many meshing tools
exist, none are specifically tailored to the requirements of vascular flow
simulations, leading to a lot of manual work and lack of efficiency.
The standard patient-specific mesh generation strategy is to produce a
surface mesh based on the segmented data and then to use this as input
to a volume mesher. Examples of this strategy can be found in [Leung
et al. 2006], [Cebral et al. 2002] and [Scotti et al. 2008]. Unfortunately
these are highly sensitive to the quality of the input surface meshes so a
large amount of smoothing and mesh repair is performed, often manually,
before they can be passed on to the volume meshers. The volume meshing algorithms themselves are difficult to use consistently and balancing
the many parameters such as number of elements, refinement possibilities, minimal cell quality or feature preservation can be a challenging
optimisation problem.
To overcome these problems it has been proposed to use templatebased meshing algorithms. These typically use a synthetically generated
high quality base mesh, which is then deformed to fit a patient-specific
dataset. Both Baghdadi et al. [Baghdadi et al. 2005] and Zheng et
al. [Zeng and Ethier 2003] presented such methods for generating successive meshes of the same geometry through time. A promising technique
was developed by Barber et al. [Barber et al. 2007] who generate an
image corresponding to a template mesh and then register this image
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to patient-specific data. This is a very convenient approach as they circumvent segmentation entirely while remaining general enough for any
type of geometry. However, depending on the imaging modality, the
applicability of the method can be limited, in particular when dealing
with badly resolved or low contrast images where the vascular location
of interest might not be clearly visible. Also, as no a priori geometric
information is used, the method is not robust against pathological alterations where better control of the initialization may be necessary when
the patient-specific geometry deviates significantly from the template.

Our contribution. We propose a novel solution to the problem of fast
and accurate mesh generation for large databases of patient-specific CFD
simulations. Our approach is twofold: in a first step a segmentation and
surface meshing of the input image are performed and in a second step a
registration is used to deform a high quality template mesh. Our method
takes advantage of geometric information, thus making it also applicable
to pathological cases. All the meshes produced are by definition coregistered and we also provide a local coordinate mapping technique
so as to make the simulated velocity vectors directly comparable. The
only constraint is that there must exist an isomorphic mapping from
the patient-specific geometry to the template mesh. In this study we
demonstrate the effectiveness of our technique using several CT datasets
of abdominal aortic bifurcation geometries with and without abdominal
aortic aneurysms (AAA).

7.3

Methods

Our method is a template-based meshing approach using a registration
step to deform a base mesh to fit the patient-specific data in a similar fashion to Barber et al. [Barber et al. 2007]. However, instead of
an image-based registration we use a mesh-based registration which exploits a priori information. We also added an end-face flattening step
to guarantee that the inflows and outflows are planar, as well as a coordinate mapping step so as to make flow solutions directly comparable
across different geometries. The full workflow pipeline can be seen in
Figure 7.1 and a short description of each individual step follows.
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Figure 7.1: Method flowchart.
Generating the base mesh. The base mesh is produced using ANSYS ICEM-CFD to mesh a bifurcation model made of primitives. This
allows for very high quality meshing and any desired level of refinement.
A diameter-to-length ratio is chosen for each branch, corresponding to
the region-of-interest. For the example case of the abdominal aortic bifurcation we empirically chose 3.1 for the main branch and 3.6 for both
child branches as this restricts the geometry to the region distal to the
renal arteries and proximal to the bifurcation of the internal and external
iliac arteries. An example base mesh can be seen in Figure 7.2(a).
Generating the surface mesh. The only patient-specific input to the
whole procedure is a binary volume resulting from a segmented image.
This makes the method general and removes dependence on any specific
imaging modality. Based on this image a surface mesh is generated using
marching cubes.
Smoothing the surface mesh. The surface mesh is usually very
jagged, especially for large or anisotropic voxel size as is often the case
in MR images. We perform smoothing in two steps. The first step uses
geometric priors and requires a centerline extraction which is performed
based on the method by Antiga et al. [Antiga et al. 2003] implemented
in VMTK 2 . This is then used in a regularisation step by Laplacian
smoothing of the cylindrical radii: each point p is moved to the average distance from the centerline calculated within its neighbourhood of
size φ. Parameter φ controls the amount of smoothing and we chose
this empirically as being 3× the mean edge length of the input surface
mesh. In a second step a Taubin filter [Taubin 1995] is applied to remove
2 VMTK:

the Vascular Modeling Toolkit: http://www.vmtk.org
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any remaining high-frequency disturbances. This is also implemented in
VMTK and we used a passband of 1 and 30 iterations. Both these
smoothing steps are volume-preserving.

Registration. Once a surface mesh with the desired smoothness becomes available registration is performed to find correspondences between it and the surface of the base mesh. This is done by relying on
work by Antiga et al. [Antiga and Steinman 2004] (also implemented
in VMTK), who provide a patching algorithm which decomposes bifurcations into their component parts and generates branch-specific coordinates. We can then place any number of points at chosen branch
coordinates. Our experience shows that this procedure is robust and
reproducible, and results in good correspondences. The same procedure
is applied to the base mesh so that we have the direct correspondences
between the points on the surface of the base mesh and of the patientspecific surface mesh. So as to ensure that each branch has the correct
length, the branch radii are integrated along the centerlines and the
surface mesh is cut at the template’s diameter-to-length ratio.

Warping the base mesh. Once we have the corresponding points on
both the base mesh and the patient-specific surface mesh we can warp
the base mesh using thin plate splines (TPS). A convenient feature of
this approach is that the transformation is by definition smooth on the
inside, thus contributing to maintaining a high cell quality even under
deformation. Parameter N , the number of corresponding points, controls
the scale-of-detail: the more points are used, the more high-frequency
details are transferred from the surface mesh to the deformed result.

Flattening the end-faces. The warped mesh should maintain the
flatness of the endfaces in the base mesh. However, some warping does
occur and increases with larger deformations. This can make it difficult
to apply boundary conditions, especially at the inlet where a flow velocity
profile is usually imposed. We therefore flatten the end-faces by snapping
their nodes to a plane perpendicular to the centerline and then, to ensure
mesh smoothness and avoid low quality elements, we extrapolate this
displacement smoothly for all mesh points close to the plane.
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Generating a common coordinate system. As very briefly described in [McGregor et al. 2009], we generate a common coordinate
system for all meshes so as to make flow velocity vectors directly comparable. This is done by solving the Stokes equation in the mesh with
pressure boundary conditions at inlet and outlet which produces a homogeneous vector field with directions aligned to the outer walls. The
normalized flow velocity vector is used as our first local coordinate ξ,
the second is taken as the vector η pointing from the centerline to any
given point and the third is the cross-product ζ of the first two. Such a
local coordinate system is represented in Figure 7.5.

7.4

Results

For evaluation purposes 3 abdominal CT datasets from patients without
AAA and 4 from patients diagnosed with AAA were acquired retrospectively, segmented semi-automatically using ITK-SNAP 3 , a level set
segmentation tool and then used as input to our method. The voxel size
is 0.95 × 0.95 × 1.5 mm for all data volumes. The base mesh which was
used consists of 9418 nodes and 47729 tetrahedral elements and is shown
in Figure 7.2(a). Figures 7.2(b), 7.2(c) and 7.2(d) show the contour of
the initial segmentation, the smoothed surface mesh and the resulting
high quality mesh respectively for the first healthy case (AAN01 ). Figures 7.3(a), 7.3(b), 7.3(c) and 7.3(d) show the final meshes for the three
aneurysmal datasets and one of the healthy ones respectively. As may
be seen the final meshes are of high quality while preserving the major
features of the input data.
We compared the resulting meshes with those produced by two off-theshelf meshing tools which are frequently used by biomedical simulation
researchers: TetGen and NETGEN. Fedorov and Chrisochoides [Fedorov
and Chrisochoides 2008] give a good overview of tetrahedral mesh generation for image-based biomedical simulations and discuss TetGen and
NETGEN in detail, here we only give a brief description. TetGen is a
constrained Delaunay mesh generation and refinement method by Si [Si
2008]. The algorithm refines tetrahedra which are larger than a user
defined size or which have a radius-length ratio worse than a threshold.
3 ITK-SNAP:

a tool for segmenting 3D medical images: http://www.itksnap.org
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(a) Template.

(b) Segmented.

(c) Smoothed.

(d) Final.

Figure 7.2: Mesh generation procedure.

(a) AAA01.

(b) AAA02.

(c) AAA03.

(d) AAN04.

Figure 7.3: Output meshes for the 3 aneurysmal datasets (on the left)
and for a healthy case (last on the right).
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Since the input surface meshes contain triangles at a higher resolution
than desired in the tetrahedral mesh, we first use simplification to reduce the number of triangles [Garland and Heckbert 1997]. NETGEN
is an advancing front mesh generator developed by Schöberl [Schöberl
1997]. The implementation first generates a new surface mesh and then
a tetrahedral mesh using a size parameter to control the resolution. In
order to obtain a similar number of tetrahedra as in our base mesh, we
experimentally set the size parameter to 3 for Tetgen and 1.8 for Netgen.
Additionally, we disabled an option in NETGEN to automatically compute a size based on surface curvature, due to excessive local refinement.
Both tools accept triangulated surfaces as input and we employed our
smooth surface meshes to this end. A quality measure q, calculated
as the in-sphere to out-sphere radius ratio normalised to [0 1] for the
meshes generated by all three methods for two representative cases are
listed in Table 7.1. Figure 7.4 shows quality histograms for all elements
in the seven cases for our method and the two standard mesh generators
(note the logarithmic scale). The average min(q), q̄ and percentage of
cells with q < 1/3 were 0.325, 0.875 and 0.0125% respectively for the
healthy cases and 0.0369, 0.843 and 0.21% for the pathological ones.
This clearly demonstrates that the higher deformations do influence the
quality - especially the worst elements, however the meshes remain good
enough and generally better conditioned than those produced by the
standard procedures.
Figure 7.5 shows the mesh-specific coordinate system for case AAA01.
As may be observed, the local coordinate system’s first component ξ
(in white) is aligned to the geometry’s main axis and additionally has
a radial component η (in grey) and a circumferential one ζ (in black).
This local coordinate system stays smooth even in the proximity of bifurcations or sharp angles.
To evaluate the effect of the scale-of-detail parameter N we generated
two meshes for the same pathological case (AAA01 ) using a sparse
(N = 504) and a dense (N = 4536) deformation field and compared
the distances from the surfaces of the resulting volume meshes to the
original smooth surface mesh. The results can be seen in Figure 7.6(a)
and Figure 7.6(b). As can be seen, using the dense deformation field provides an approximation of the surface mesh which is almost 3× better,
thus resolving high-frequency features more accurately.
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Mesh
AAN01
AAN01
AAN01
AAA01
AAA01
AAA01

-

NN
9418
10198
8449
9418
9162
10576

our method
NETGEN
TetGen
our method
NETGEN
TetGen

NC
47729
44887
46521
47729
39909
55316

min(q)
0.2828
0.0039
0.0039
0.0753
0.0246
0.0002

q̄
0.86
0.84
0.73
0.85
0.83
0.73

%q1/3
0.02
0.06
4.08
0.31
0.03
4.55

Table 7.1: Quality of the meshes produced by our method, NETGEN
and TetGen for a healthy (AAN01) and an aneurysmal (AAA01) case.
NN : number of nodes. NC : number of cells. min(q): minimum quality.
q̄: mean quality. %q1/3 : percentage of cells with quality < 1/3.
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Figure 7.4: Quality histograms.

7.5

Figure 7.5: Local coordinate system.

Discussion

We evaluated our method using the example of the abdominal aortic
bifurcation. We chose this as it is a common site for flow-related diseases
such as aneurysms and atherosclerosis, thus making it a likely candidate
for large-scale flow studies. The method as it is implemented here could
be directly used for the carotid or any other bifurcating vessel. Moreover,
the algorithm could also be applied to any other type of vessel geometry,
e.g. incorporating several branchings or trifurcations without any major
modifications other than adapting the parameters. The main limitation
in this respect is that the studied geometry must always present the same
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(a) Sparse registration (anterior).

(b) Dense registration (anterior).

Figure 7.6: For case AAA01: the distance from the smooth surface
mesh to the surface of the final mesh generated using 504 registration
points (left) and 4536 registration points (right).

topology: so cases where a specific branching is completely absent due
to a pathology or a genetic defect cannot be dealt with. The presented
method can also be used to register a vascular geometry at one level of
loading to itself at other levels of loading, thus recovering the change of
shape of the lumen during the cardiac cycle.
There are two main parameters which control the level-of-detail: φ which
controls smoothness of the surface mesh and N which controls the scaleof-detail in the final mesh, allowing to influence is left as to how much
detail is transferred from the image to the volume mesh. We demonstrated that using N , the final mesh’s scale-of-detail could be fine-tuned.
Unfortunately, using more reference points slows down the TPS interpolation considerably as it requires a dense matrix inversion which scales
with O(N 3 ). For most CFD applications high frequency features are undesired and considering the numbers in Figure 7.6(a) one may conclude
that the added accuracy is negligible. Nevertheless, the use of TPS is
one limitation of this method due to its computational complexity. The
use of alternative, more efficient interpolation, using e.g. radial basis
functions should be considered to shorten the run times.
As shown in Figure 7.4 and Table 7.1, our method generates comparable
quality meshes to both considered standard mesh generating tools. It
consistently provided a higher minimal quality, which is a significant
advantage in the context of numerical simulation and it also generated
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meshes with a slightly better mean quality than both NETGEN and
TetGen, however the advantage here is minimal. For pathological cases,
NETGEN seems to produce less elements with quality < 1/3 than we
do, so clearly the large deformations do contribute to lowering the mesh
quality, however, for the given example, we are still only producing 0.31%
of such tetrahedrons, which is still very reasonable. NETGEN seemed
to generally outperform TetGen, however the surface caps at inlet and
outlets had a large influence on the TetGen mesh quality, so a surface
remesh would have resulted in improvements. The parameters we used
for these meshing tools obviously had a large impact on the quality of the
meshes, however, we did not focus on these parameters in particular but
strove to produce the best meshes possible with approximately the same
size and resolution as the ones generated by our method. The meshes
produced by TetGen were generally of low quality on the surface; this is
due to the constraint we set on the tetrahedron sizes. However, relaxing
this constraint would have prohibited fair comparison. One could have
optimised the surface mesh in an extra preprocessing step, but we chose
not to do this as the complexity of the tool would then become a serious
handicap for any potential user. Despite being experienced at using
these meshing tools, we generally found that it was difficult to produce
consistent meshes and typically these had sharp density changes due to
locally small curvature radii. Our mesh registration technique avoids
these problems and increases the mesh generation workflow efficiency.
So from a mesh quality point of view our method does not radically
outperform the standard mesh generators, however it produces meshes
of similar quality while still providing many other advantages.
We also described an efficient way to generate a mesh-specific coordinate
system which eases inter-patient comparisons of CFD velocity vectors.
We only presented unstructured tetrahedral meshes, however any other
mesh type e.g. structured or hybrid meshes with hexahedral boundary
layers could be used without changing the algorithm.

7.6

Conclusions and Outlook

We have proposed a novel meshing strategy which generates co-registered
meshes for large-scale studies involving numerous CFD simulations. This
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method fulfils the 5 requirements stated in the introduction and thus
constitutes a satisfactory preprocessing pipeline for such studies. We
have shown that it produces high-quality elements, even for pathological
cases where the deformation is large as compared to the template mesh.
To further improve the method, attention will have to be paid to the
computational complexity, in particular with regards to the use of TPS.
Based on this proof-of-concept, the next step will be application of the
method to a large number of patient-specific data for varying vascular
locations to further test its robustness and reproducibility.
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8
Summary and Outlook
This final chapter briefly summarises the major findings detailed in the
previous chapters and provides a general outlook.
An innovative surface mesh generation algorithm was first proposed
which is able to generate smooth, high quality and feature-preserving
surface meshes automatically from low-quality, possibly degenerate inputs as are typically available from medical imaging. An interesting
by-product of this method is the ability to produce volumetric meshes
simultaneously. However these volumetric meshes are still plagued with
low-quality elements known as slivers which are the inevitable consequence of using a Delaunay-based meshing algorithm. There is substantial literature pertaining to sliver removal and several options were
briefly evaluated; unfortunately non of them proved to be robust enough
to work consistently. Some further effort in this direction could turn an
interesting surface mesher into a highly effective volumetric algortithm,
thus avoiding the dependency on standard commercial meshing tools.
The physically-based particle cloud expansion approach which is used
is easy to implement and parameterise. Even if this approach may not
offer a unversal solution for meshing, it might provide a interesting alternative well adapted to generating unstructured tetrahedral meshes for
biomedical simulations.
The second contribution was an original flow solver implementation,
based on [Date 2005]’s FVM method for unstructured meshes. This
was validated and compared to an FEM solver also co-developed during
this thesis. This comparative study provided a useful insight into design
decisions and implementational issues linked with simulating biomedical
flow phenomena. It also resulted in two new solvers to choose from,
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both with pros and cons. In this implementation the FEM-based solver
proved to be more than 20× faster than the FVM method. This performance advantage seems to stem from the single matrix coupling approach
which allows a direct solver to be used, as opposed to the iterative solution process as used by the FVM solver. The system matrix as built
using the FEM implementation may require a much larger inversion effort, however, this disadvantage is outweighed by the large number of
required pressure-velocity iterations which are dominating in FVM. The
FVM implementation on the other hand is much easier to implement
and to parallelise, not requiring any mesh partitioning or dependence on
TM
external libraries other than OpenMP .
After having invested quite some effort into implementing a flow solver,
it would make a lot of sense to further develop this numerical tool and
apply it to a wide set of applications. Further work should especially be
focussed on seamless parallelisation over distributed systems and automatic solver setup. A very useful and relatively easy to develop addition
to this toolbox would be a graphical user interface to intuitively apply
boundary conditions for a wide variety of flow problems. This could be
linked to the mesh generation procedure to provide an all-in-one preprocessing tool.
Chapter 4 concentrated on FSI simulation of blood flow and wall response in a progressively widening abdominal aortic aneurysm. A snowball effect was demonstrated, which causes exponential pathological growth.
A thrombus model was also included and it was found that intra-luminal
thrombus could in fact have a beneficial effect, by reducing the impact
of the key biomechanical factors (WSS and IWS). This is an interesting
observation which should be further investigated. In the proposed study,
aneurysmal growth was simulated by artificially weakening the arterial
wall. In further studies, this long-term growth process should be fully
coupled to the flow and wall mechanics by weakening the arterial wall at
locations of low or oscillating WSS and high IWS in an iterative manner. This could also be linked to a biochemistry model to account for the
intra-mural biological processes. Once everything is brought together,
patient-specific studies may be performed with the objective of simulating long term pathology development and the influence of external
factors such as medication.
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The problem of flow measurement enhancement was then approached
and the first step in this direction was to perform an exploratory study
using artificial 2D bifurcation models. The enhancement method was
able to accurately recover small details of the flow patterns which could
not be measured, thus opening a new door to clinical flow characterisation. 50 simulations were performed and 15 modes proved to be enough
to reconstruct 98% of the variability. While these results were highly motivating, one could expect a much more complex situation to arise when
using real patient-specific geometries. Nevertheless, further 2D studies
using artificial data might be useful with changing geometries or increasing simulation complexity. Indeed, this is a useful testing platform for
evaluating the enhancement method for blood flow in e.g. intracranial
saccular aneurysms. It has also been suggested to extend this method
to multiphysics simulations, to be able to provide more than just blood
flow related information using the same measurement enhancement tool.
Here again an initial test on a 2D testbed might provide useful insights
before large investments are made.
The initial 2D exploration having been a success, a more complete 3D
evaluation was performed. This used a large, representative database
of 600 synthetically generated, healthy abdominal aortic bifurcations
with a variety of randomly varied boundary conditions. This proved the
method to work well, even for more complex 3D flow fields and showed
in particular that secondary flow quantities, such as WSS, were accurately predicited and that the proposed flow measurement enhancement
method could potentially replace CFD simulations for this task. The use
of synthetically generated data for this evaluation was very conveniant
as it provided a ground truth against which to test the enhancement
outcomes and validate the method, which would not be possible when
using real clinical cases where the ground truth is not known. Nevertheless, relying on clinical data is clearly the next step towards introducing
the method into the daily diagnostic workflow and work should be focussed in this direction. On the other hand, it would be very practical
if synthetic databases could be used in conjunction with this method, as
this would dramatically reduce the costs involved in acquiring the necessary clinical data. So, after having gained experience working with real
data, some research could be done on the generation and use of synthetic
databases.
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The application of the framework on actual patient data requires the development of new tools as a semi-automated preprocessing framework to
convert the acquired radiological images into useable meshes was needed.
Following some research into mesh generation for large databases, a mesh
template deformation procedure was developed, a method which has the
inherent advantage of creating corresponding meshes. A coordinate mapping technique was also implemented, so that vector quantities from the
resulting simulations could be directly compared. This procedure was
shown to be efficient and robust, also in the case of pathological deformations of the geometries. Some optimisation of the implementation is
still necessary as it uses thin-plate splines to perform the mesh deformation, which can be very slow, especially if more geometric accuracy is
required. This tool was specifically written for vascular flow simulation
in bifurcating geometries, but it might be interesting to make it more
general and applicable to e.g. flow simulations in the coronary arteries
or even to organ modelling.
The proposed measurement enhancement method has two major advantages over traditional imaging-followed-by-simulation approaches. Firstly
it does not require any fully-blown simulations to be performed, thus
reducing the effort to an automatic or semi-automatic preprocessing
pipeline, which would anyway be necessary for CFD simulation, and
a short flow field reconstruction step which takes insignificant time as
compared to even the fastest simulation. This effectively makes the
process clinically feasible. Secondly, a variable amount of measured information can be used to constrain the solution, thus bypassing the strict
dependency on boundary conditions and guaranteeing that the solution
is as close to measured data as possible. Another big advantage is that
the method’s complexity is not dependant on the simulation complexity.
So one could also use it to reconstruct FSI simulations, thus additionally providing wall motion and IWS. This was not attempted within the
scope of this thesis, but would be a very interesting extension to the
method.
The chosen solution to the flow measurement enhancement problem,
i.e. using a statistical modelling approach, has provided a completely
novel tool for combining measurements and flow simulations and is a
significant step towards bringing simulation information into the clinics.
However, the approach of course presents some drawbacks too. Most
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importantly, given the infinite variability of anatomical geometries, the
simulation databases would have to be huge and still might not cover
certain exceptional cases which would lie outside the convex hull of the
data space. Also, the amount of work necessary to build these databases
is a limiting factor.
Indeed, there would be other ways of approaching this task which might
well be worthwhile investigating. With increasing computer power, an
optimisation method could turn into a feasible solution. This would
consist in running many flow simulations with the same (measured) geometry, but optimising the boundary conditions so that the obtained
flow field matches the measured data as closely as possible. This technique would require a lot of computational power but might provide
more accurate and more trustworthy results.
One of the main assumptions this thesis makes is that for a method to be
used clinically, it should be able to provide a flow field estimate within a
short delay at the touch of a button. This paradigm may well be shifting,
as medical doctors rely more and more on engineers sitting outside the
clinics who, given the imaging data, provide them in return with useful
quantitative information. Herein may lie the future of medical imaging,
in which case simplicity of use and fast processing times are less limiting
factors than was assumed here.
In conclusion, this thesis has provided an exciting new approach to integrating high-quality blood flow information into medical imaging modalities which meets all the requirements outlined in section 1.4. The contributions presented here are mostly exploratory studies which have proved
the effectiveness of the method, without actually implementing it in a
clinical environment. Dedicated clinical studies will now be necessary
for assuring its usefulness as a true diagnostic aid in the daily patient
care.

A
Implementational Details
As the chapters of this thesis are articles already published in various
peer reviewed scientific journals or conferences, they have to respect
space limitations imposed by the relevant publishers. As a consequence,
some information had to be left out of the various articles. This appendix
aims to provide the reader with this missing material and in particular
focusses on the implementational details, such that the described experiments are well characterised and easily reproducible.

A.1

Chapter 3

Outflow Boundary Condition As mentioned in section 3.6, the outflow condition applied to both outlets is of the gradient type. This implies that
∂u
=0,
∂n

(A.1)

where n is the surface normal vector at the outlet. In addition to this
gradient condition, a fixed pressure boundary condition is also used,
whereby the pressure is fixed to 0 at both outlet faces. This is based on
the assumption that the downstream conditions are the same for both
iliac branches, which is physiologically reasonable.
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Bifurcation Geometry The abdominal aortic bifurcation geometry
used for this study had the following approximate dimensions:
main branch diameter:
18 mm;
main branch length (inlet to apex):
68 mm;
right branch diameter:
12 mm;
right branch length (apex to outlet): 22 mm;
left branch diameter:
11 mm;
left branch length (apex to outlet):
24 mm;
branch angle:
27 o .
Flow Characteristics for Steady Flow in the Bifurcation For
the steady flow case, the flow branching ratio was observed to be 1.75,
whereby the flux is larger in the right than in the left branch. The
Reynolds number of the fully developed solution is defined as
Re =

ρ Û D
,
η

(A.2)

and with density ρ = 1020 kg/m3 , dynamic viscosity η = 0.003 kg/m s,
the mean radius of the bifurcation’s main branch D = 0.018 m and mean
velocity Û = Umax /2 = 0.385 m/s the mean Reynolds number for the
steady flow case is Re = 2356.
Flow Characteristics for Unsteady Flow in the Bifurcation For
the unsteady flow case, the Womersley number is defined as
r
ωρ
,
(A.3)
α=R
η
using the same values as for the steady case (see previous paragraph)
and frequency ω = 1.333 Hz, the Womersley number for the unsteady
case is α = 6.09.

A.2

Chapter 4

Wall Model The material model used for the healthy case in Chapter
4 is isotropic, homogenous and linear elastic with an elasticity modulus

A.3. Chapter 5
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of 2.7 106 P a, a density of 2000 kg/m3 and a poisson ratio of 0.49. To
simulate the diseased arterial wall, the elasticity modulus is simply lowered. This is a very simplified model for the complex, inhomogeneous,
anisotropic, non-linear and layered structure which is the arterial wall.
The assumptions made here are on par with those used by other authors [Leuprecht et al. 2002, Torii et al. 2007], who state that linear
elastic wall behaviour is reasonably accurate within the physiological
pressure loading range. They also use an isotropic, homogenous and
single-layered material model as the research focus is on the fluid-wall
interaction rather than on accurate characterisation of the intramural
mechanics.

A.3

Chapter 5

Flow Simulation The exploratory study presented in Chapter 5 required many 2D flow simulations, here follows a detailed description of
how these were performed. We relied on a commercial FEM code (Comsol Multiphysics R ) and Lagrange P2 P1 triangular elements were used,
i.e. second order triangles for storing velocity and first order ones for
storing pressure. This results in a mixed (pressure/velocity) formulation
with a single, large, non-linear equation system which is solved using the
PARDISO direct solver [Schenk et al. 2001]. The flow was assumed to
be laminar, incompressible and Newtonian, with a density of 1020kg/m3
and a dynamic viscosity of 0.003 P a/s. The boundary conditions are no
slip U = 0 on the walls, fixed velocity U = Uin at the inlet and fixed
pressure Pout = 0 at both outlets, which is physiologically reasonable as
both downstream reservoirs are the same.

A.4

Chapter 6

WSS Computation In Chapter 6, the WSS estimates play an important role in the method evaluation, so a detailled description of this
procedure will be provided here. The WSS computation procedure is
the same for both the measured and the simulated/enhanced flow data,
except that the measured data has to first be interpolated onto the computational mesh. This is done in a fashion similar to [Cheng et al. 2002]
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by computing the mesh node velocities by linearly interpolating the values at the surrounding measurement image pixels. WSS is defined as
 
∂u
,
(A.4)
W SS = η
∂s s=0
where s is the distance to the wall and η = 0.003 P a/s is the dynamic
viscosity. With the velocity values defined at all nodes of each walladjacent tetrahedron, the value of the velocity gradient at the center of
the wall-adjacent face 5us=0 can be estimated, using the element shape
functions. This can then be used to compute the WSS as follows
W SS = η 5 us=0 · n ,
where n is the wall normal vector.

(A.5)
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Work Experience
2006 - 2010
2004 - 2005
2003 - 2004
2002 - 2003
2000

Research assistant
Computer Vision Laboratory, ETH Zurich
Project leader (research)
Zimmer Orthopedics, Winterthur
Engineering Internship
TFDesign, Stellenbosch, South Africa
Teaching assistant
Institute for Mechanical Systems, ETH Zurich
Industrial internship
Rolex Industries SA, Geneva

Distinctions and Awards
2000
1998

Jacques Edouard Roth Prize for academic achievement
Prize for best matriculation in the Commune of Carouge

