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Abstract 

Cardiovascular disease (CVD) is North America's leading killer for both men and 

women among ail racial and ethnic groups. Almost 1 million North Americans die of 

CVD each year, which adds up to 42% of ail deaths. 

Numerous investigations point out that normal blood flow (hemodynamics) is 

essential to good health and many studies found that there is a relationship between 

the genesis and the progression of CVD with the locaily irregular blood flow 

occurring in the diseased zones. 

The study of hemodynamics in the cardiovascular system is therefore key to the 

understanding of CVD; its genesis and progression. 

The aorta is the large st artery in the body, rising from the heart's major pumping 

chamber, the left ventricle. It is the primary artery of the circula tory system, 

delivering oxygenated blood to ail other arteries except those of the lungs and is a 

major site for CVD. 

Despite the clinical importance of the aorta, relatively litde is known about its 

hemodynamic features due in part to the difficulty of studying blood flow in this 

artery. 

This thesis presents a numerical analysis on the hemodynamics of a 3D realistic 

model of the human aorta and its arch reconstructed from Magnetic Resonance 

Imaging (tvfRI) data. 

The objective was to evaluate the effect of flow waveform and inlet flow velo city 

profùe on the hemodynamics in the proximal, medial, distal regions of the aorta and 

on the hemodynamics in the branches. 
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Résumé 

Les maladies cardiovasculaires représentent la première cause de mortalité en 

Amérique du Nord toute catégorie d'âge et d'ethnicité confondue. A peu près un 

million de nord-américains en meurent chaque année, ce qui représentent 42% des 

mortalités annuelles. Plusieurs études ont démontré qu'un écoulement sanguin 

normal est essentiel pour maintenir une personne en bonne santé et plusieurs autres 

études ont démontré qu'il y a un lien très fort entre la naissance et la progression des 

maladies cardiovasculaires et l'écoulement sanguin irrégulier dans les zones affectées. 

Il est donc impératif d'étudier l'écoulement dans le système cardiovasculaire pour 

une meilleure compréhension des maladies cardiovasculaires: leur initiation et 

progress1on. 

L'aorte est la plus grosse artère du corps humain, elle prend origine au niveau du 

ventricule gauche: la plus importante chambre génératrice de pression dans le cœur 

humain. 

L'aorte est la plus importante artère dans le système cardiovasculaire et délivre le 

sang riche en oxygène à toutes les autres artères du corps humain, elle est aussi un 

site très souvent affecté par les maladies cardiovasculaires. 

Même si l'aorte a une importance clinique très importante, peu d'études ont été 

entreprises pour étudier son écoulement sanguin caractéristique, cela est dû en parti à 

la complexité de la géométrie à étudier. 

Cette thèse présente une étude numérique de l'écoulement sanguin caractéristique 

d'un modèle réaliste d'une aorte humaine reconstruite à partir de données de 

résonance magnétiques. L'objectif étant d'évaluer l'effet des conditions limites de 

l'écoulement sanguin à l'entrée de l'aorte sur les résultas de l'écoulement sanguin, les 

distributions de vitesse, de pression, et de cisaillements dans les parties distales de 

l'aorte et des branches aortiques. 
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Chapter 1: Introduction 

The aorta is the primary artery of the circula tory system, delivering oxygenated blood 

to ail other arteries except those of the lungs and is a major site for arterial disease. 

Despite the clinical importance of the aorta, relatively litde is known about its 

hemodynamic features due in part to the difficulty of studying blood flow in this 

artery. 

Most studies in hemodynamics have focused instead on coronary arteries, abdominal 

aortas, carotid bifurcations, and cerebral arteries using realistic models or simplified 

geometries such as bifurcations and curved tubes. Recendy, however, numerical and 

experimental studies have been performed using realistic models of three 

dimensional reconstructions of aortic arches including the aortic branches. 

This study is a continuation of the recent efforts in elucidating blood flow patterns in 

the human aortic arch and presents a numerical analysis on the hemodynamics of the 

aorta with a focus on velo city, pressure, and shear stress distributions. The objective 

was to evaluate the effect of flow waveform and inlet flow velocity profùe on the 

hemodynamics in the proximal, medial, distal regions of the aorta and on the 

hemodynamics in the branches. 

The major hypothesis was that the hemodynamics downstream of the aorta is mainly 

dictated by its complex geometry and that inlet flow conditions will have litde 

influence on the hemodynamics within the branches and the distal part of the aorta. 

The fmdings of the study should help medical practitioners better understand the 

hemodynamics in the aorta, correlate it with aortic disease genesis and progression, 

and design better therapies and disease management strategies. In addition, a better 

understanding of the hemodynamics should help medical device designers improve 

devices used in interventions related to aortic disease treatment. 
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Chapter 2: Literature Review 

2.1 The Aorta 

The aorta is the largest artery in the body, rising from the heart's major pumping 

chamber, the left ventricle. Oxygen-rich blood enters the aorta with each contraction 

of the left ventricle and travels throughout the body through the smaller arteries 

branching from it. Figure 2.1 illustrates a healthy human aorta with its main anatomie 

features: 

Brachiocephalic Artery 
(Right ann & right side 

ofbrain) ~ 

Ascending 
Aorta 

Sinotubular 
Junction ----------~~ 

Coronary ____ .... 
Artery 

Aortic Sinuses 

Left Subclavian (LSC) Artery 
(Left Ann) 

Aortic Arch 

Descending 
Aorta 

Figure 2.1 Illustration showing the main features of the human aorta 

The aortic root is the beginning of the aorta. Starting from the aortic valve (annulus) 

and becoming slighrly wider in diameter (sinus es of Valsalva), it gives rise to two 

coronary arteries and ends at the beginning of the ascending aorta (sinotubular 

junction). The two coronary arteries are responsible for carrying oxygen-rich blood 

to the heart muscle itself. 

The ascending aorta extends upward from the aortic root to the point where the 

innominate artery branches off the aorta, and the aorta begins to form an arch. At 
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this level, the aorta gets little support from surrounding tissue and must face the 

entire cardiac output volume (minus the coronary arteries), making the ascending 

segment a vulnerable part of the aorta to aneurysm formation, dissection and 

rupture. 

The aortic arch represents the curved portion at the top of the aorta. The 

brachiocephalic, left common carotid, and left subclavian arteries, which supply 

blood to the he ad and upper body, branch from the arch. It is outside the pericardial 

sack and generally has better support from surrounding structures. 

2.2 Medical Context 

Cardiovascular disease is North America's leading killer for both men and women 

among all racial and ethnic groups. Almost 1 million North Americans die of CVD 

each year, which adds up to 42% of all deaths (American Heart Association, 2005). 

The aorta is often implicated in cardiovascular disease, its causes are various and 

include smoking, trauma, connective tissue disorder, and hypertension and it takes 

different forms: The result is atherosclerosis, aneurysm formations, and dissections. 

2.2.1 Atherosclerosis 

Atherosclerosis comes from the Greek words athero, meaning gruel or pas te, and 

sclerosis, meaning hardness. It is a graduaI process that occurs when cholesterol 

collects under the inner lining of artery walls. These cholesterol deposits eventually 

may result in fibrosis and calcification which result in hardening of the tissue. 

Atherosclerosis may narrow or block the artery and hinder blood flow; it may leads 

to wall remodeling, rupture, and or dissection. It begins at the inner layer of the 

arterial wall, at the point where deposition of lipids, mainly cholesterol, occurs; at the 

endothelial layer itself or within the intima. Many studies have tried to explain the 

etiology of atherosclerosis; these have been discussed by Constantinides (1965). One 

of the theories is lipid filtration which presents atherosclerotic lesions as a reaction of 

the arterial wall against lipids which invade it from the blood stream. The principal 

factors involved in this phenomenon are considered to be: changes in the chemical 
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composition of the blood, changes in the structure of the arterial wall, the fluid flow 

distributions which may bring the rich in lipids fluid streams into contact with the 

arterial wall. One of the basic features of atherosclerosis is that it occurs 

predominantly at specific sites of the arterial system. It seems therefore appropriate 

to consider its association with the blood flow phenomena, which are implicated 

here in the etiology. The development of atherosclerosis in vivo occurs preferentially 

at arterial locations such as bifurcations and regions of high curvature that exhibit 

disturbed blood flow (Davies et aL 1997). Endothelial cells (ECs), which are cells of 

the endothelium the inner layer of the arterial wall, adapt to this hemodynamic 

environment both structurally and functionally, and endothelial dysfunction in these 

regions is sometimes associated with inflammatory processes responsible for 

atherosclerosis (Ross 1995). Davies et aL (1997) found that biochemical signaling is 

rapidly initiated at multiple locations within ECs following alterations in the fluid 

shear stress profile acting at the cell surface. The mechanisms, by which ECs sense 

changes in hemodynamics and transduce mechanical stimuli into biomechanical 

signaling, have and are still, being studied. 

2.2.2 Aortic Aneurysm 

The permanent enlargement of some portion of a blood vessel is often described as 

bulging, ballooning or dilated. The diameter of the enlargement will determine 

whether or not it is considered an aneurysm. Traditionally for the aorta, any 

permanently dilated section measuring 4.0 cm or greater in diameter has been called 

an aneurysm (Heart Center, 2004). 

The defmition of an aneurysm may also be based on comparison with the normal 

blood vessel size for an individual. When the permanent enlargement of some part 

of a blood vessel is at least 1.5 times greater than normal size, it may be termed an 

aneurysm. Applying this to the aorta, if an individual's normal aorta is 2.5 cm, then 

dilation of 3.75 cm or greater represents an aneurysm in that person. A variation of 

this defmes an aneurysm when the enlarged aorta is at least twice its normal size. 
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Normal aorta Aortic 1unu.'rysm 

(al (b) 

Figure 2.2 (a) Illustration of a healthy aorta - (b) 

Illustration of an aorta with an aneurysm formed in 

its ascending part (From Advanced Medical Imaging 

Laboratory, 2005). 

Whether the aorta is called "dilated" or the word "aneurysm" is used, any 

enlargement of the aorta, regardless of its size, is an indication of aortic disease and 

requires treatment. Aortic enlargement, although perhaps not yet qualified for the 

term aneurysm, should be monitored, treated medically, and the lifestyle and diet of 

the patient addressed as it may lead to annulo-aortic ectasia and aortic regurgitation. 

Aortic aneurysms are described according to their location, size and shape. Location 

indicates the sections of the aorta affected (i.e., the root, ascending, arch, descending 

or thoracoabdominal). The size of the aneurysm is the diameter at the widest point 

of enlargement and is usually measured in centimeters. In most cases, and if not 

treated on time, aneurysms lead to wall rupture followed by internaI bleeding, rapid 

loss of arterial pressure, and sudden death. 
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2.2.3 Aortic Dissection: 

The dissection of an artery is the tearing of the inner layer of its wall, allowing blood 

to leak into the wall itself and cause the separation of the inner and outer layers. 

Aortic dissection is usually associated with severe chest pain radiating to the back. It 

may lead to severe blood obstruction or wall rupture. Figure 2.3 describes the details 

of aortic dissections. 

Normal aorta .\u.·'Îc di,s~cti()11 

(b) 

Figure 2.3 (a) Illustration of a healthy aorta - (b) 

Illustration of an aorta with a dissection formed in 

its descending part (From Advanced Medical 

Imaging Laboratory, 2005). 
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2.2.4 Coarctation of the Aorta: 

Coarctation of the aorta is a narrowing of a section of the aorta, typically just beyond 

the arch as it bends down to descend to the lower body. Blood pressure is lower 

beyond the narrowed section. This is a congenital condition usually diagnosed and 

treated in infancy and childhood. It may be present with other congenital conditions 

such as bicuspid aortic valves. 

Coarctation may be present in adults without causing symptoms due to the presence 

of collateral circulation. This means that over cime smaller blood vessels have 

enlarged and provide an alternative pathway for blood flow. If the mean pressure 

gradient across the narrowing is greater than 2S mm of mercury, surgery may be 

needed. 

Normal'lorta CoarchllÎoll or Ih\.' aorhl 

(b) 

Figure 2.4 (a) Illustration of a healthy aorta - (b) 

Illustration of an aorta with a coarctation formed in 

its descending part (From Advanced Medical 

Imaging Laboratory, 2005). 
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It is particularly important for adult patients with coarctation to receive treatment for 

upper body hypertension. Long standing upper body hypertension will cause severe 

left ventricular thickening (hypertrophy) and increase the risk of stroke as a result of 

intra-cerebral bleeding. Untreated significant adult coarctation will cause premature 

death as a result of aortic dissection or hypertension complications. 

2.3 Hemodynamics 

Numerous investigations point out that there is a relationship between the genesis 

and the progression of cardiovascular disease with the locally irregular flow occurring 

in the diseased zone. 

Arteries respond to local and global stimuli and adapt to changes in blood flow and 

blood pressure (Dzau and Gibbons, 1993; Galt et aL, 1993). With the progression of 

vascular disease, the adaptive and healing processes fail and the artenes are often 

unable to deliver blood in the required amounts and withstand the forces imposed by 

the blood upon the vessel walls. 

Therefore, to examine the relationship between arterial disease and hemodynamic 

conditions, detailed quantitative data on flow conditions in realistic arterial models is 

clearly required. In order to study and interpret the flow dynamics in the complex 

geometry of the human aortic arch, it is important to first understand the effect of 

simple geometry features on the flow development. As a fltst step therefore, one 

should study and understand simple idealized flow models. 
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2.3.1 Idealized Flow Models 

Plugrtow: 

The simple st flow one could think of is U niform Flow: constant velo city of flow in 

every part of a system. Amazingly, such a simple flow is a fair approximation to 

actual flow in a simple channel or pipe when the Reynolds number is very low. 

Poiseuille Flow: 

() 

Figure 2.5 Illustration of the velo city profùe of a 

plug flow in a pipe. 

Lets consider the case of flow in a pipe or channel when Re is very low, however, the 

flow has been in the pipe for a long distance: The fluid velocity will vary with radial 

position. This is because the fluid's viscosity will force it to be equal to zero at the 

walls, and consequendy cause the velo city to be small in the vicinity of the walls. 

Therefore the flow in the center is actually faster for the same volumetric flow. 

This flow model was named in the honor of Poiseuille (1799-1869) who performed 

experiments relating pressure gradient, flow, and tube geometry. In the case of a 

cylindrical pipe with flow along the axis the velo city distribution is a simple quadratic 

where: 

(2.1) 

With U the velo city in (mis), Q the flow rate in (m3/s), A the cross sectional area in 

(m2), r the fluid particle location within the pipe cross section in (m), and fmally R 

the radius of the circular pipe in (m). 
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Figure 2.6 Illustration of the velo city profùe of 

Poiseuille flow in a pipe. 

The Poiseuille flow model assumes steady flow, however, the flow through the 

human arteries is pulsatile, consisting of systolic and diastolic phases and the 

assumption of steady flow is not valid in the major part of the circula tory system and 

especially in the aorta. 

Unsteacfy Pipe Flow: 

Blood flow in arteries is dominated by unsteady flow. In physiological literature, a 

frequency parameter Cl, also known as W omersley number is defmed to characterize 

the unsteadiness of flow. The Womersley number is defmed by the relationship: 

a = a(UJ)O.5 
v 

(2.2) 

Where a is the radius of the tube in (m), OJ is the frequency in (S·I), and V is the 

kinematic viscosity (m2js). 

The Womersley number can be interpreted as the ratio of the unsteady forces to the 

viscous forces (Womersley, 1955). When the Womersley number is low, viscous 

forces domina te, velo city profùes are parabolic in shape, and the centerline velo city 

oscilla tes in phase with the driving pressure gradient. As the Womersley number 

increases, the unsteady inertial forces start to domina te, and the flow starts to 

resemble that of a piston-like motion with a plug profile. 

Figure 2.7 shows the flow velo city waveform in a normal femoral artery of a dog and 

the corresponding velocity profiles obtained from the analysis given by Womersley 

for pulsatile flow in a straight rigid tube. Various velo city profùes are evident through 

the cardiac cycle. Notice that the velo city profùes are different from the Poiseuille 

profile; also note that lower velo city near the wall is the fIrst to reverse direction. 
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This model is limited by the assumption of a fully developed flow in a straight rigid 

tube and neglects the various area changes and curvatures encountered by blood 

flow within the human body and therefore is far from physiological flow. 

Dean's Flow: 

e 

! 
1 cl , 
! 

r 
1 

iC 
8 

! di 
;;. 
~ ; 

" ;;: 

b 

" b d 

" 
(al (b) 

Figure 2.7 Ca) Flow velocity waveform in a normal 

canine femoral arterial flow - (b) Velo city proftles 

obtained from the analysis given by Womersley for 

pulsatile flow in a straight rigid tube (Ku, 1997). 

In order to study and interpret the flow dynamics in the complex geometry of the 

human aortic arch, it is important to understand the effect of curvature on the flow 

development. Dean developed analytical solutions of fully developed, steady flow in 

a curved tube of circular cross-sections (Dean, 1927). He explained that as the flow 

moves around the curved tube, an imbalance between the centrifugaI forces and the 

inwardly directed radial pressure gradient results in secondary flow developed within 

the tube cross section. The fluid in the core moves toward the outer wall of 

curvature and returns to the inner wall along the tube wall resulting in two symmetric 

Dean vortices. As the result of the secondary motion, the axial velo city is skewed 
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with the maximum axial velo city magnitudes found more towards the outer wall with 

increasing curvature. 

The magnitude of the secondary flow and the progressive shift of the maximum axial 

velo city towards the outer wall is a function of Dean number given by: 

D = Re(!!.-) 0.5 

R 
(2.3) 

Where Re is the Reynolds number, a is the radius of the tube in (m), and R is the 

radius of curvature of the curved tube in (m). 

ta) 

top 'Wa~1 
1 

'!::~ii~~~outer 
; wall 

1 

botlom walf 

(b) 

Figure 2.8 (a) Skewing of the axial velo city profile 

with the maximum velo city toward the outer wall of 

curvature - (b) In-plane velocity field: the Dean 

vortices in the cross section (Chandran, 1997). 

2.3.2 Cardiovascular Disease and Blood Flow 

Numerous investigations point out that there 1S a relationship between blood 

hemodynamics (blood fluid mechanics) and localization of atherosclerosis, which can 

obstruct blood vessels and impede blood flow, and in artery wall degenerative 

processes that can lead to aneurysm formation and arterial wall dissection (Health 

Central, 200S). 

It has been observed that early atherosclerotic lesions develop preferentially in the 

viscinity of arterial branching and curvature where blood flow patterns are very 
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complex and multi-directional (Nerem, 1992; Ku et al., 1985). Wesolowski et al. 

(1965) pointed out that atherosclerosis lesions start in regions of disturbed blood 

flow, which are in the viscinity of arterial bends and junctions. This had led to the 

notion that disturbed flow may act as a localizing factor for early atherosclerosis. 

Although the biological basis of these observations remains to be determined, flow

induced vascular ECs dysfunction is thought to be involved. Indeed, a large number 

of in vitro studies, including the studies by Resnick et al. (1995) and Traub and Berk 

(1998), have demonstrated that fluid mechanical forces intricately regulate 

endothelial cell structure and function. In a review article, Davies (1995) explains that 

mechanical forces associated with blood flow play important roles in the acute 

control of vascular tone, the regulation of arterial structure and remodeling, and the 

localization of atherosclerotic lesions. Major regulation of the blood vessel responses 

occurs by the action of hemodynamic shear stresses on the endothelium. 

It has been suggested that atherosclerosis may be initiated at low shear stress 

locations (Krams, 1997). For instance, and in the case of the coronary arteries, which 

naturally bend along the surface of the pericardium, atherosclerosis develops more 

frequently on the inside of the bend, where velocities and shear are lower (Sabbah et 

al., 1986; Tsutsui et al., 1998). Friedman et al. (1981) noted increased intimaI 

thickness in regions of low wall shear stress along the lateral walls of the abdominal 

aortic bifurcation. Zarins et al. (1983) through a combined autopsy and experimental 

flow study demonstrated that in the carotid artery, atherosclerosis localize along the 

outer wall of the carotid sinus where wall shear stress is low. Yamagushi (1999) 

studied wall shear variations in asymmetrical arterial branching and suggested that 

atherosclerosis localizes in areas of high shear stress variations. 

Moore et al. (1994) measured intimaI thickness in the distal abdominal aorta ID 

subjects with minimal atherosclerosis disease and noted a positive correlation 

between shear variation and intimaI thickness and a negative correlation between 

mean shear and intimaI thickening. 

Low fluid velo city and recirculation zones, which may occur distal to a stenosis and 

within aneurysms, may provide favorable conditions to prolonged interaction and 

adhesion of circulating elements onto the endothelium, which are the most 

important steps for internalization of the particles by the endothelial cells by means 
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of endocystosis and junctional infiltration (Asakura, 1990). Rodkiewicz (1975) 

performed an in vivo study to simulate atherosclerotic formations using the aortic 

arch of the rabbit, which is closest in shape to man, and found that atherosclerosis 

commences and develops at the branches and within the maximum curvature of the 

aortic arch. Ali these locations, being geometrically complex, are aIl associated with 

complex blood flow patterns. 

Studies have showed that differences in arterial geometty do alter blood flow: For 

instance, Moore et al. (1999) studied blood flow (Re= 300, a = 2.8) in aorto-iliac 

bifurcations and found dependence of velo city and shear stress distributions to the 

main geometrical features which are the bifurcation angle and the parent to child 

artery area ratio. 

Therefore, to examine the relationship between arterial disease and hemodynamic 

conditions, detailed quantitative data on flow conditions in realistic arterial models is 

clearly required. 

2.3.3 Blood Flow in Simple Anatomical Geometries 

lnitially, studies have been performed on simple anatomical geometries such as 

bifurcations and curved tubes. 

Relating to blood flow in bifurcations, Taylor et aL (1998) performed a numerical 

study on an abdominal aortic bifurcation. Zhao et al. (2000) studied blood flow in a 

realistic model of a human carotid arterial bifurcation. They both found blood flow 

velo city to be higher at the inner wall, also calied the site of the apex. On the outer 

wall side, opposite to the apex, the velocity was found to be pretty low. Smali 

negative velocities were sometimes found, this means that small flow separation 

zones are created on the opposite side of the wall. Further downstream of the 

bifurcations, maximum velocity moves slowly towards the center of the vessel. These 

fmdings were conftrmed by further investigations by Perktold and Rappitsch (1995), 

Milner et aL (1998), Moore et aL (1999), and Perktold et aL (2001). 

Lee and Fung (1970) examined laminar flow through a tube with an axisymmetric 

constriction: They found regions of reverse flow, these types of regions are often 
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called "recirculation regions" and may be a significant factor m the deposition 

process ofblood particles discussed earlier. 

There have been several experimental and computational studies of both steady and 

unsteady flow in curved tubes that have aimed to elucidate the flow field within 

geometries relevant to flow in the aortic arch such as the ones by Hamakiotes and 

Berger (1988; 1990), Naruse and Tanishita (1996), Komai and Tanishita (1997), and 

Qiu and Tarbell (2000). These studies have provided great insight into the 

complexity of flow patterns in curved tube geometries and have demonstrated the 

resulting skewness in the velo city proftles, towards the outer wall, as weIl as the 

structure of the secondary flow patterns within these geometries. Furthermore, these 

studies have established the dependence of flow in curved tubes on various 

geometric and flow parameters including the extent of vessel curvature, blood flow 

rate, and blood flow pulsatility. In order to elucidate blood flow patterns in the aorta, 

it is therefore essential to use accurate geometrical models and realistic boundary 

conditions. 

2.3.4 Blood Flow in Aortic Models 

Recently, there have been a number of in vivo and in vitro model experimental studies 

of flow in the human aortic arch as weIl as in the arch of several animal models. 

Yearwood and Chandran (1984), and Chandran (1993) (Re = 1250 and a = 19.5) 

have demonstrated that the presence of the aortic arch branches has a pronounced 

effect on the overall flow field. 

Redkiewicz (1975) investigated blood flow characteristics (1000 ::; Re ::; 1500 and 

19.5 ::; a ::; 28.5) in the aortic arch of a man. A transparent three-dimensional 

model was used to fmd the flow patterns within the aortic arch. A visualization 

technique proved the existence of highly complex flow patterns in the aortic arch 

and especially within the branches. 

In this study, Redkiewciz (1975) showed that as blood is going through the aortic 

arch, a major portion of flow within the outer wall is diverted into the branches 

where recirculation zones are created within the proximal distal wall of the branches. 

The rest of the flow is channeled through the aortic arch and into the descending 
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aorta. One should also notice the existence of a recirculation zone within the inner 

wall of the aortic arch. 

Figure 2.9 Main flow patterns within the aortic 

arch (Redkiewciz, 1975). 

Shahcheraghi et al. (2002) performed a fluid flow analysis of a three-dimensional and 

pulsatile blood flow (peak Re= 2500 and a =10) in a human aortic arch and its three 

major branches. The geometrical model was derived from the three-dimensional 

reconstruction of a series of two-dimensional slices obtained in vivo using CA T scan 

imaging of a human aorta. Results demonstrated that the primary flow velo city is 

skewed towards the inner aortic wall in the ascending aorta. Within the aortic 

branches, the flow velocities were skewed to the distal walls with flow reversaI along 

the proximal walls. Important secondary flow motion was observed in the aorta, and 

the structure of these secondary flows was influenced considerably by the presence 

of the branches. Within the aorta, wall shear stresses were highly dynamic, but were 

generally high along the outer wall in the vicinity of the branches and low along the 

inner wall, particularly in the descending aorta. Within the branches, the shear 

stresses were considerably higher along the distal walls than along the proximal walls. 

Wall pressure was low along the inner aortic wall and high around the branches and 

along the outer wall in the ascending aorta. Comparison of the numerical results with 
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the localization of early atherosclerotic lesions broaclly suggests preferential 

development of these lesions in regions of extrema (either maxima or minima) in 

wall shear stress and pressure. 

However, this study has major limitations: At the aortic inlet, a flat or plug flow 

velo city profùe was used together with a pulsatile waveform based on reported 

experimental data by Peclley (1980) and justified by in vivo measurements by Nerem 

(1992) using hot fùm anemometry on various animal models that have demonstrated 

that the velo city profùe distal to the aortic valve are relatively flat. The peak Reynolds 

number used was 2500 while it is known nowadays that the peak Reynolds number 

can reach values as high as 7000 according to Stein et aL (1976) and Nakamura et aL 

(1993) who measured blood flow velo city in healthy adults using the same hot fùm 

anemometry technique. 

In addition to the inlet boundary condition, they have imposed additional boundary 

conditions at the oudet of the aortic branches such that approximately five percent 

of the flow volume is diverted into each of the three aortic branches as reported by 

Midclleman (1972). The first branch known as the brachiocephalic, however, 

branches out into two arteries, the right common carotid and the right subclavian 

which supply respectively the right side of the brain and the right arm and with 

oxygen rich blood while the left common carotid supplies the left side of the brain 

and the left subclavian supplied the left arm. Based on these assumptions, the right 

side of the brain gets half the blood supply of the left side of the brain and similarly, 

the right arm gets half the blood supply of the left arm which is defmitely not 

physiological. 

In fact, and according to Bard (1956), Bell et al. (1965), and Guyton (1960; 1971), 

blood flow is distributed through the aorta such that about seven percent goes into 

the right subclavian, about four percent into the right common carotid, which means 

a total of eleven percent into the brachiocephalic artery. Another four percent is 

approximately diverted into the left common carotid, and about seven percent into 

the left subclavian. The remaining seventy eight percent goes downstream into the 

descending aorta. 
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Chapter 3: Methodology 

3.1 Overview 

The foilowing chapter presents the methodology taken for the numerical analysis on 

the hemodynamics of the aorta. The study of hemodynamics in complex shapes such 

as the aorta requites accurate three-dimensional descriptions of in vivo anatomies. 

Common methods for obtaining such geometries include in vivo medical imaging and 

postmortem preparations such as vessel casts, pressure fixed vessels. Although many 

studies (Moore et aL, 1998; Sun et aL, 1994) have shown that the geometry of in vitro 

phantoms can be accurately reconstructed from medical images it was not clear how 

accurate a reconstruction can be made from in vivo clinical images. Moore et aL (1999) 

performed in vivo magnetic resonance imaging on aorto-iliac regions of rabbits to 

study the relative accuracy of ail these methods. Results suggest that in vivo MRI best 

replicates overall vessel geometry (vessel geometry and bifurcation angle). 

Based on this study, the 3D aorta model used in this study was reconstructed using 

2D magnetic resonance imaging MRI data of a healthy adult human aorta. The 

objective is to use the primary geometrical features of a human aorta to study its 

hemodynamics. 

For this study, cross sectional MRI images of the aorta were obtained from Hospital 

St. Luc in Montreal: the data consisted of 22 image cross sections with a 1x1xS mm 

spatial resolution. 
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Several processes are required to transform 2D MRI 11llages into a 3D physical 

numerical model (Fig. 3.1). 

C 2D MRI Images :::> 
Stack MRI images, create 3D model 

Correct global structures 

Generate mesh 

Figure 3.1 Steps required to transform 2D MRI 

data into a physical numerical mode!. 

3.2 Data Acquisition using Magnetic Resonance Imaging 

Magnetic Resonance Imaging (MRI) is a technique used to create images of the body 

using the princip les of nuclear magnetic resonance. Thin sectional images of any part 

of the body can be generated without surgical intrusion. This can be done from any 

angle or any direction. The biochemical compositions within the cross sections of 

any part of the body can be provided by the MRI. Diagnosis of many diseases in 

their initial stage is often obtained by analyzing these proflles of biochemical 

compositions. 

The series of 2D images in sequence with the correct spacing allows the recreation of 

its 3D structure. Two different sequences of images were captured: one along the 

vertical planes, and one along the horizontal planes. These files are stored in 

DICOM (DCM) format, a standard for medical images. 
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Figure 3.2 Selected MRI images of the aorta along 

different vertical planes 

Figure 3.3 Selected MRI images of the aorta along 

different vertical planes 

The 3D reconstruction was performed using 3D-Doctor; an advanced 3D imaging 

software for 3D imaging applications and US-FDA approved for medical imaging 

applications. 
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3.3 3D Reconstruction using 3D Doctor 

Created by Able Software Corp., 3D Doctor is an advanced 3D imaging software 

capable of processing volumetrie images from MRI, Computed Tomography (CT), 

and Positron Emission Tomography (PET) to construct 3D models. Volume 

measurements, image data handling and other quantitative analysis can be achieved 

through its editing tools. 

The flles of the MRI data are not in a standard format which can be read by 

common CAD software. 3D Doctor is used here to import the DICOM format of 

the MRI images, render a 3D surface model of the aorta, and then export this model 

in a format recognizable by other CAD software, such as IGES and VRML. The 

steps required to accomplish these tasks are provided below: 

3.3.1. Image Stack Creation 

Once the image slices are selected, they are stored into one flle with 3D Doctor as an 

image "stack", the DICOM format in this case is useful as the correct order along 

with the image slices are automaticaIly implemented. 

3.3.2. Image Segmentation 

Image segmentation defmes the boundary of the object at each slice. Auto 

Segmentation is a convenient tool to detect and trace ail object boundaries 

automaticaIly. However, this option is only viable for images with distinguishable 

contrast between the object of interest and its surroundings. The provided images of 

the aorta do not have enough contrast at its boundaries to utilize this option 

effectively. Interactive Segmentation was used here because the images of the aorta 

have a uniform intensity level. Using the interactive segmentation, the boundaries 

were extracted from each image by manuaIly adjusting the threshold levels. 
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Figure 3.4.a shows an ascending and descending cross section of the aorta, the green 

lines represent the boundary whereas the red represent the horizontal slice of the 

lumen. The interactive segmentation dialogue box is shown in figure 3.4.b where the 

image thresholds values allow a greater control on the final segmentation results. 

Interactive Segmentation ~ 

Image Thresholds 
o rUse Calibr ated Value 4096 

Min Jl--------------

Ma. --Jl-------------
1" Show Image Coler 1 Refresh 1 

B oundary Type 

(0 Outline Only r Ali B oundary Lines r- S keleton B oundary 

(al 

Segment Image Planes 

1 Segment Plane 1 Segment Ali 1 

1" Smooth Image Delete Plane Segl 

rUse Connectivity 

PrevPlane 

(b) 

Figure 3.4 Ca) Cross section of the aorta being segmented 

- (b) Interactive segmentation dialogue box. 

3.3.3. Boundary Editing 

Prey Thresholds 1 

SetObject 

Finish 

Because sorne areas have the same grey shade as the object of interest, these are 

sometimes automatically selected and segmented. As can be seen in figure 3.4.a, 

undesired red pixels are le ft in sorne areas. The boundaries created around these 

pixels need to be deleted manually. AIso, depending on that amount of contrast in 

the image, the accuracy of the desired boundaries may vary. Boundary editing is used 

to delete unwanted boundaries or to reshape existing boundaries to the contours of 

the object. New boundaries can also be created. The same process is repeated for 

each image within the image stack. 
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3.3.4. 3D Surface Rendering 

Once the boundaries of ail 22 cross sections are defmed, a 3D surface is created by 

the software. The fmal surface obtained is shown below: 

Figure 3.5 Aorta surface created by 3D Doctor and 

viewed from thtee different angles. 

Even though the 3D reconstructed surface captures ail key features of the aorta, it 

can be seen from the figure above that the model is not completely anatomicaily 

correct: First, the luminal surface is rough and not physiological, second the aortic 

sinuses are not present below the ascending aorta of the 3D model, and third side 

branches are not complete. This is due to the inability of the MRI to differentiate 

overlaid anatomical structures with the same properties. 

The model therefore needs corrections to better represent the anatomical features. 

The 3D surface was therefore exported as a VRML flle. This fùe format 1S 

recognizable by Pro Engineer, which was utilized for further model manipulations. 

3.4 Global Surface Corrections using Pro Engineer: 

Pro Engineer (proiE) is a computer-aided design (CAD) software used for design 

and manufacturing of a wide range of products. The program is featured based, 

meaning that parts and assemblies are created by defming features such as extrusions, 

slots, and holes. Such features reflect common manufacturing techniques. The 

parametric aspect of the software ailows features to be specified by assigning values to 

attributes like direction of creation, reference planes and dimensions. Along with 
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theses advantageous aspects, ProiE was used because it is a user-friendly package 

with interfaces to most mesh generation and numerical simulation packages. 

The luminal surface obtained was rough and therefore non-physiological. This is 

because the available MRI technology available to us had a litnited spatial resolution 

of1x1xSmm. 

Moore et al. (1999) found that reconstructed models from MRI data of a carotid 

artery bifurcation were unacceptably noisy, unless luminal profùe smoothing and 

approximating surface splines was performed. 

To avoid computational errors introduced by the luminal surface roughness, 

smoothing of the surface needed to be performed. To do trus, the imported model 

was sectioned at different planes perpendicular to the flow direction. At each cross 

section, a spline was generated that followed closely its boundary. The set of splines 

then act as a frame from which a smooth surface connecting aIl constructed splines 

can be created. This 3D surface was reconstructed using an advanced 3D spline 

surface creation method within Pro lE. 

In addition, the three branches (brachiocephalic, left common carotid, and left 

subclavian) were extended in order to avoid "end effects" within the computational 

solution. 

The fmal reconstructed, smooth, 3D surface included the ascending aorta, the aortic 

arch, the three branches, and part of the descending aorta. 
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Figure 3.6 shows the initial aortic 3D model imported into ProiE and the fmal aortic 

model after the corrections were made. 

(a) (b) 

Figure 3.6 (a) Initial aortic model imported into ProiE - (b) 

Aortic model obtained after global surface corrections. 

3.5 Mesh Generation using ICEM/CFD: 

One of the most critical steps in performing 3D simulations is the exportation of the 

geometry to the meshing software. ICEM/CFD software package was selected 

because a direct Pro /E interface is available, and because there is an option for mesh 

optimization with this package. The use of ICEM/ CFD eliminates the need to use 

standard file types in the geometry export process, a step which often leads to 

lengthy geometric clean-up and other problems. 

ICEM/CFD was also used because it takes full advantage of the object oriented 

unstructured meshing technology. No tedious up-front triangular surface meshing is 

needed to provide well-balanced start meshes. ICEM/CFD Tetra works direcrly 

from the CAD surfaces and fills the volume with tetraherual elements using the 

Octree approach where the prescribed curves and points within the geometry to be 

studied defme the positions of the edges and vertices for the mesh generated. 
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ICEM/CFD Tetra generates the volume mesh and the surface mesh on the object 

surfaces. This automatic mesh generation tool is suitable to complex geometries and 

offers tools for local adaptive mesh refinement and coarsening. 

Within ProiE and using the Pro/E-ICEM/CFD interface, family assignments are 

made and the geometry is exported in ICEM/CFD .tin format. 

Meshes were generated by assigning a smaller element size within the branches 

compared to the element size in the main aorta. A total of six meshes were created 

with different number of elements based on element size. These meshes were used 

to make sure that the numerical solution obtained has converged and has reached 

mesh independence, this will be addressed in more details in the "mesh 

independence validation" section. 

Figure 3.7 shows a mesh of the reconstructed aorta with 120,000 elements. It is 

difficult to distinguish the elements because the mesh is very dense. 

Figure 3.7 Mesh of the reconstructed aorta with 120,000 

elements. 
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3.6 N umerical Analysis using Ansys Flotran 

For each mesh, an Ansys input flle was created. The Ansys Multi-Physics package 

was chosen for this study because of its compatibility with the ICEM/CFD software, 

user-friendliness, powerful Flotran Computation Fluid Dynamics (CFD) solver 

module, and most importantly because it has already been validated for an exhaustive 

list of fluid flow problems including flow in circular ducts and bends which are 

relevant to the geometrical problem in hand. 

Flotran solution method uses either 2D or 3D elements for the calculation of 2D 

and 3D velo city and pressure distributions in a single phase, Newtonian fluid. 

The fluid flow problem is defmed by the laws of conservation of mass, momentum, 

and energy. These laws are expressed in terms of partial differential equations which 

are discretized with a fmite element based technique, Ansys (2005). 

Assumptions about the fluid and the analysis are as foIlows: 

• There is only one phase. 

• The user must determine: (a) if the problem is laminar (default) or turbulent; 

(b) if the incompressible (default) or the compressible algorithm must be 

invoked. 

F or the elements, the velocities and pressure are obtained from the conservation of 

momentum and the conservation of mass principle. A segregated sequential solver 

algorithm is used; that is, the matrix system derived from the fmite element 

discretization of the governing equation for each degree of freedom is solved 

separately. The flow problem is nonlinear and the governing equations are coupled 

together. The sequential solution of aIl the governing equations, combined with the 

update of any temperature- or pressure-dependent properties, constitutes a "global 

iteration". The number of global iterations required to achieve a converged solution 

may vary considerably, depending on the size and stability of the problem. 

For numerical accuracy reasons, the algorithm solves for a relative pressure rather 

than an absolute pressure. 

For transient analysis, there are two methods available for the cime integration: 

Backward (the default) and Newmark. The Newmark method is more accurate than 

the Backward method, Ansys theory manual (2005). In the Newark method, the cime 
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dimension is represented by a set of dis crete points each a cime increment ~t apart. 

The system is solved at each of these points in time using as data the solution at a 

previous cime. The value of a function at cime t = n.L1t with n, an integer. For more 

information about the Newmark technique, please refer to chapter 17 of the Ansys 

theory manual (2005), section 2. 

For this reason, the Newmark method was used to perform the study. In addition, 

one must make decisions regarding the cime step, the method for the convergence of 

the analysis during a cime step, the length of execution of the job and the frequency 

of output. 

The convergence criteria chosen for the analysis were the following: 

• Vx = 0.0001 mis 

• Vy = 0.0001 mis 

• Vz = 0.0001 mis 

• Pressure = 0.0001 Pa. 

These criteria were chosen because they represent a good balance between 

computational cost and accuracy as it won't affect our ability to make conclusions on 

flow patterns. 

For more information about solution algorithms please refer to Ansys theory 

manual, Ansys (2005). 

3.7 Post Processing using Tecplot 

For the display of pressure and shear results, Ansys was used as it can be done 

directly once the solution is obtained without any post processing. 

However, for velo city results, and based on previous studies in the aortic arch, we 

are expecting to get complex flow patterns with important secondary flows. 

Therefore, it is essential to have the capability to dis play, both out of plane velocities 

and in plane velocities, in a same graph to better analyze the results. Ansys post 

processing module is not sufficient for this task as it can only display one variable 

with a same graph. 
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A versatile, user friendly, powerful tool capable of displaying different results on a 

same graph is needed. 

Tecplot 9.2 was chosen because of its extensive 2- and 3-D capabilities for 

visualizing technical data from analyses, simulations and experiments. Tecplot 

combines general engineering plotting with high-end 3-D scientific data visualization. 
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3.8 Governing Equations and Boundary Conditions 

3.8.1 Governing Equations 

In modeling wall shear stress, the choice of an appropriate constitutive equation for 

blood is crucial. Determination of an appropriate constitutive model for blood is not 

trivial: it is a concentrated suspension of blood cells in plasma and exhibits a range of 

non-Newtonian properties. These properties are mainly governed by the 

de formation and aggregation of red blood cells. Apart from the fluid properties, flow 

conditions in large arteries are an important factor in determining an appropriate 

constitutive equation for blood. In the literature on blood flow in large arteries, 

blood is generally modeled as a Newtonian fluid, Caro (1978) and Pedley (1980). In 

addition, the blood is considered to be isothermal and incompressible. 

The Newtonian blood is governed by the continuity equation and the Navier-Stokes 

equation, it can be written as follows: 

Continuity: 

And Momentum: 

----. 
'1. U=O 

----. au ----. ----. ----. 
e [- + (U.V) U] = -v P + fl '12 U at 

(3.1) 

(3.2) 

Where e is the density in (kg/m\ U the velo city vector (Ux, Uy, Uz) in (m/s), P the 

pressure in (N/m2
), and fl is the dynamic viscosity in (pa.s). 

3.8.2 Blood Properties 

The density is flxed at e = 1051 (kg/ m3
) and the dynamic viscosity at Il = 0.0035 

(pa.s) a value based on McDonald (1974). 
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3.8.3 Boundary Conditions 

Doppler flow measurements in arteries have been verified to be reasonably accurate 

in young individuals, in whom peak systolic velocities represent twice the mean flow 

(Harle, 1985), which is equivalent to a fully developed Poiseuille flow. A fully 

developed Poiseuille flow was therefore used as a boundary condition at the inlet of 

the ascending aorta. 

Figure 3.8 shows the flow waveform used in the numerical analysis. An average flow 

rate of 5 1/min was used with a peak systolic flow of 20 1/min and a frequency 

equivalent to an average of 75 beats per minutes. The average Reynolds number used 

was 1254 and the Womersley number was 19.50, peak Reynolds number within the 

pulsatile cycle was equal to 5016. These flow rate values were taken from various 

studies performed by Harle (1984), Levy et ai. (1985), Wilson et al. (1985), Van Dam 

et al. (1987), and Poutanen et al. (2003). In the latest study, by Poutanen et al. (2003), 

normal aortic dimensions and blood flow velocities were measured in 168 healthy 

children and adults in different locations within the aortic arch including the 

ascending aorta using digitized two-dimensional and Doppler echocardiography 

where peak systolic flow reached values equivalent to an instantaneous flow rate of 

about 20 1/ min. 

As mentioned earlier, the frequency is equivalent to an average of 75 beats per 

minute which means that each pulsatile cycle takes place in 0.8 seconds. The flow 

waveform used is characterized by a systole to diastole ratio of 30/70 unlike the 

study performed by Shahcheraghi et ai. (2002) where the systole to diastole ratio is 

50/50 which is abnormal for a healthy subject. The flow waveform is also 

characterized by four events that are of special interest because, based on previous 

studies, interesting flow characteristics happen during these cimes within the pulsatile 

cycle, they are: Maximum flow acceleration taking place 0.06 seconds before the 

second event, peak systole. 0.06 seconds later minimum acceleration happens 

followed by peak diastole or flow reversaI taking place 0.12 seconds later. Refer to 

figure 3.8 for more information: 
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Figure 3.8 lnlet flow waveform used as an inlet flow 

boundary condition. 

3.9 Mesh Independence Validation 

Time (s) 

Due to the geometric complexity of the aorta model studied, it is very difficult to 

assess wh ether or not the mesh generated is suitable for the computational problem 

at hand. Meshes can be considered unsuitable for various reasons such as the 

presence of distorted elements but the most common failing of the computational 

meshes for 3D problems is low spatial resolution and inability to capture local 

velo city and wall shear stress features. 

Mesh independence is therefore key, but insufficient, to validate the computational 

results and to make sure they are accurate (Freitas, 1993; Roache, 1998). 

Typically, one can check the accuracy of the mesh by using one of three approaches: 

The first approach is to compare computational results with experimental results 

however it is very difficult to replicate in vitro conditions in numerical simulations. In 

addition, some flow features are very difficult to capture numerically such as 

symmetry-breaking bifurcations (Fearn et al., 1990). Experimental measurements can 

suffer from errors such as model misalignment, incorrect positioning of the 
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measurement system, along with reading and measurement errors (Ethier et al., 

2000). 

The second approach is to use a very ftne mesh but with the lack of comparative 

results, it is very difftcult to assess the accuracy of such large meshes. Taylor et al. 

(1998) used a mesh with 51568 elements to compute the Womersley solution for the 

fully developed pulsatile flow in a rigid, long, straight tube and found that the [mite 

element solution did not resolve the theoretical velo city proftle along the centerline 

of the vessel during the second half of the cardiac cycle. 

A third approach is to use a series of meshes, going from a coarse to a fme mesh, to 

demonstrate mesh independence. This method lS time-consuming and 

computationally expensive and consequently rarely reported in the computational 

hemodynamics literature. 

Prakash and Ethier (2001) studied mesh independence of an anatomically realistic 

right coronary artery: Looking at mesh resolution needed to resolve major flow 

features such as separation zones and wall shear stress features, they found that 

mesh-independent velo city ftelds were not very difftcult to get whereas wall shear 

stress ftelds were much more difftcult to obtain. This is expected because an accurate 

velo city fteld does not always imply an accurate wall shear stress fteld since the latter 

is a lower order computed quantity. 

Even though the mesh independence approach is time consummg and 

computationally expensive, we decided to use it to assess the mesh resolution needed 

to obtain accurate results. Since mesh-independent wall shear stresses are more 

difftcult to ob tain, they were used for validation in meshes with 51865, 73889, 86451, 

101269, 109338, and 118338 elements. The model used involved a steady simulation 

of the aorta model with a fully developed inlet boundary condition. 

The mesh characteristics are summarized in table 3.1 below: 

Mesh Number 1 2 3 4 5 6 

Number of Elements 51,865 73,889 86,451 101,253 109,338 118,338 
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Table 3.1 Mesh number versus number of elements used. 

Six locations were chosen for mesh validation, each location is either upstream or 

downstream of one the aortic branches. These locations were specifically chosen 

because we expect to have very complex flow features and shear stress distributions 

in their vicinity. These locations therefore represent areas where shear convergence 

will be the hardest to achieve. Figure 3.9 shows the six locations chosen for the mesh 

validation. 

Figure 3.9 Shear locations used for mesh independence 

validation. 
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Table 3.2 shows the shear values of the six locations in each of the six meshes 

studied. 

Mesh Number Wall Shear Stress Values at Selected Locations in Pa 

1 2 3 4 5 6 

1 4.368 1.7918 3.0197 2.6566 2.8563 2.2328 

2 3.1793 3.4098 3.5329 4.5462 3.8166 2.9319 

3 4.12 4.6173 4.5002 3.6044 3.6315 3.0717 

4 5.5707 4.6862 4.1994 4.2154 3.2955 3.282 

5 5.1952 4.8941 4.0767 4.0408 4.6809 3.8534 

6 4.9938 5.1701 3.9743 3.8419 4.5584 3.6439 

% variations between 

shear values in 

meshes 5 and 6 

3.8 5.7 2.7 5.0 2.6 

Table 3.2 Shear values in the different locations for the 

different meshes and percentage difference between values 

obtained in the last two meshes. 

5.5 

For better visualization, the values are plotted on figure 3.10. As can be seen in 

figure 3.10, wall shear stress distributions show some mesh independence with the 

later two models showing similar trends and similar magnitudes. 

Throughout the model, the wall shear stress results differ only slighdy within the last 

two densest meshes with an average change, within the same location, equal or less 

than 6%. In fact, one can notice that in figure 3.10, the line representing the values 

of mesh number 5 almost coincides with the line representing the values for mesh 

number 6. The mesh can therefore be considered significandy resolved. 
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The errors in wall shear stress are expected to be slighrly higher for unsteady flow 

simulations, since unsteady effects tend to localize in the near wall region but 

considering all factors, it was decided that a mesh size of 101,253 elements 

represents an acceptable balance between computational cost and model accuracy for 

the goals of this study. This mesh and the equivalent mesh resolution were therefore 

used for all subsequent mns. 
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Chapter 4: Flow Hemodynamies in the Aortie Arch 

4.1 Flow Distribution into the branches 

As discussed earlier, Bard (1956), Guyton (1960), and Bell et al. (1965), found that 

blood is distributed in such a way that approximately 11 percent is diverted through 

the brachiocephalic, 4 percent is diverted to the left common carotid, about 7 

percent to the left subclavian, and the rest to the descending aorta which is about 78 

percent. 

Shahcheraghi et al. (2002) imposed boundary conditions at the outlet of the aortic 

branches such that five percent of the flow volume is diverted into each of the three 

aortic branches far from the above measured values. 

In this thesis, flow in the branches was not imposed so we went back and looked at 

the flow distributions into the branches to assess how close we are to the 

physiological values. Flow rates for each rime step within the pulsatile cycle were 

compiled for the inlet and for the four exit boundaries (brachiocephalic, left 

common carotid, left subclavian, and descending aorta) and were summed. The total 

for each exit boundary was divided by the total inflow to get the flow distribution 

ratio. Table 4.1 shows the value for each exit boundary. 

Flow distribution within the aorta (%) 

Results Descending Brachiocephalic LCC LSC 

Numerical 77.42 13.59 3.29 5.50 

Bell et al. (1965) 78.00 11.00 4.00 7.00 

% Variation 0.74 23.54 17.75 21.43 

Table 4.1 Flow distribution within the aorta. 

As it can be seen, the results agree better with Bell et al. (1965) compared to the 

Shahcheraghi et al. (2002) where percentage variations were between 25% (for the 

LCC) and 120% (for the brachiocephalic). This is the major contribution of the study 
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as we were able to get numerical results that were closer to the measured 

physiological values. 

4.2 Flow Velocity Results 

4.2.1 Overview 

The flow results of six different locations will be presented for a pulsatile flow with 

an average Reynolds number of 1254 and a Womersley number of 19.50. 

Six axial cuts or slices within the aortic model, three within the main aorta where one 

is taken within the ascending aorta, one within the aortic arch between the 

brachiocephalic artery and the left common carotid, and the third slice within the 

descending aorta, were extracted from the simulations for detailed presentation. The 

three others are respectively within the brachiocephalic artery, the left common 

carotid, and the left subclavian artery. 

Brachiocephalic LCC 

Figure 4.1 Slice locations used for velo city distribution 

result display. 

LSC 

1---- Aortic Arch 
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Figure 4.2 shows the axial velo city within the central plane of the aorta at peak 

systole. One can notice that because of the complexity of the model, the velo city is 

highly skewed and changes in distribution from one location to the other. 

~ 
,/ 

Units in (mIs) 

7 
0.33 

-' J 

"\ \ 

} 
/ 

! /' ~~ 
.... . 

'"" 

Figure 4.2 Axial V elocities at the selected cross sections 

within the central plane of the aorta at peak systole. The 

units are in mis. 
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For detailed analysis, and to be able to get information about a larger portion of the 

flow, we will display the results in a fashion similar to Shahcheraghi et ai. (2002) 

study: The results of four different rimes within the pulsatile cycle will be displayed; 

they correspond to the four events discussed earlier in section 3.8.3 which are at 

peak maximum flow acceleration, peak systolic flow, maximum flow deceleration, 

and peak flow reversaI. These four rime points were chosen because they represent 

moments where flow physics are most complex. 

4.2.2 Velo city Results 

Ascending Aor/a: 

Figure 4.3 shows the velo city distribution within the ascending aorta at maximum 

flow acceleration, peak systole, maximum flow deceleration, and peak diastole. 

The color contour plot shows the primary or out of plane velocities and the vector 

plot shows the secondary or in plane velocities. Note that the results are displayed 

such that the view point is from a distal position with the outer wall positioned at the 

left and the inner wall at the right. 

During peak flow and maximum flow deceleration, the high momentum fluid is 

located within the central portion and is slighrly skewed to the outer wall. During 

maximum acceleration a blunter profùe is seen as in the case of peak reversaI. As 

discussed by McDonald (1974) and Caro (1978), retrograde flow in the aorta at this 

point of the cycle likely provides blood flow to the coronary arteries. Strong 

secondary flow, from the outer to the inner wall, is also induced by the curvature as 

in a simple curved pipe flow. It is interesting to note that during maximum 

deceleration and peak diastole, secondary flow form complex patterns where flow 

direction is reversed going from the outer wall into the inner wall and going from the 

arterial wall into the lumen. These interesting flow patterns have also been reported 

by Shahcheraghi et ai. (2002) and are explained by the combined effects of the 

curvature and the area constriction of the main arch as it resembles a tapered curved 

tube. 
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Figure 4.3 Velo city distributions within the ascending 

aorta at the four time points of interest. The central figure 

shows the location of the cross section area within the 

model. Looking at the cross section, the outer wall of the 

aorta is located at the le ft and the inner wall at the right. 

1 

1 

0.3 mIs 
~ 

Vn (mis) 

10
.
901 

0.634 

0.367 

.. -0.101 

1-0.163 

41 



Aortic Arch: 

Figure 4.4 shows the velo city distribution within the aortic arch, distal to the 

brachiocephalic and proximal to the left common carotid, at four points within the 

pulsatile cycle: At maximum flow acceleration, peak systole, maximum flow 

deceleration, and peak diastole. 

Similar to the previous plots, the colot contour plot shows the out of plane velocities 

and the vector plot shows the secondary flow velocities. The results are displayed 

such that the view point is from a distal position with the outer wall positioned at the 

top and the inner wall at the bottom. 

In peak systole, one can notice that the high momentum flow is skewed towards the 

lateral sides of the aortic arch walls, this is because part of the high momentum flow 

that occurs within the outer wall was diverted into the brachiocephalic and to the 

fact that the high momentum flow within the lateral sides did not have cime to be 

diverted into the brachiocephalic but instead went downstream. The flow then looses 

momentum during flow deceleration and reverses mainly within the outer wall of the 

aortic arch. This flow reversaI is mainly due to branches' blood dis charge back into 

the aortic arch during this phase. 
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1 1 

Max Deceleration Peak Diastole 

Figure 4.4 Velocity distributions within the aortic arch at 

the four time points of interest. The central figure shows 

the location of the cross section area within the model. 

Looking at the cross section, the outer wall of the aorta is 

located at the top and the inner wall in the bottom. 
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Descending Aorta: 

Figure 4.5 show the velo city distribution for the descending aorta at maximum flow 

acceleration, peak systole, maximum flow deceleration, and peak diastole within the 

descending aorta. For these figures, and to keep the same positioning of the outer 

and inner wall, i.e. the outer wall at the left and the inner wall at the right, the 

viewing point is from an upstream position within the aorta. 

The high momentum flow is skewed towards the outer wall as in the case of flow in 

curved tubes. During the majority of the pulse cycle, the higher pressure of the outer 

wall returns some of the high momentum fluid to the inner wall. Secondary flows 

within the descending aorta form patterns that are similar to the ones observed in the 

ascending aorta. However, and compared to secondary flow in the ascending aorta, 

the magnitudes in the descending aorta are significantly lower. 
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Figure 4.5 Velo city distributions within the descending 

aorta at the four cime points of interest. The central figure 

shows the location of the cross section area within the 

model. Looking at the cross section, the outer wall of the 

aorta is located at the right and the inner wall at the left. 
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Brachiocephalic Artery: 

Figure 4.6 shows the blood flow velocity distribution within the brachiocephalic 

artery respectively at maximum flow acceleration, peak systole, maximum 

deceleration, and peak reversaI. The figures are laid out such that the distal wall is at 

the right while the proximal wall is at the left. 

Primary flow is highly skewed towards the distal wall of the artery especially in peak 

systole where high momentum flow forms a pattern similar to a horseshoe facing the 

distal wall. As blood is gaining momentum throughout the systolic phase, secondary 

flows is mainly directed from the proximal wall to the distal wall, there is however an 

additional secondary flow developing from the proximal arterial wall towards the 

distal central section which is due to the abrupt area constriction going from the 

main arch into the brachiocephalic artery. 

During maximum deceleration, primary flow is reversed at the proximal wall and 

secondary flow forms patterns similar to the one observed in the ascending aorta 

cross section. Fluid near the arterial wall is directed into the lumen. It is interesting to 

note that secondary flow in the brachiocephalic is lower in magnitude compared to 

secondary flow in the main arch. However, the values are quite significant compared 

to the primary flow values. 

During peak diastole, primary flow is reversed with a nearly axisymetric profùe. 

Secondary flow, also reversed, is mainly directed from the distal wall towards the 

proximal wall. 
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Figure 4.6 Velo city distributions within the 

brachiocephalic at the four time points of interest. The 

central figure shows the location of the cross section area 

within the model. Looking at the cross section, the distal 

wall of the branch is located at the right and the proximal 

wall at the le ft. 
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Left Common Caro/id: 

Figure 4.7 shows the flow velocity distribution within the left common carotid at 

maximum acceleration, peak systole, maximum deceleration, and peak diastole. The 

figures are oriented in the same fashion where the distal wall is at the right and the 

proximal wall at the left. Primary flow is skewed towards the distal wall of the artery 

especially in peak systole where high momentum flow forms a pattern similar to a 

horseshoe facing the distal wall; it is however not skewed to the levels observed in 

the brachiocephalic. As blood gains momentum throughout the systolic phase, 

secondary flows are mainly directed from the proximal wall to the distal wall. Flow 

patterns during maximum deceleration and peak reversai are also similar. 

It is interesting to note that flow magnitudes, however, are lower compared to the 

magnitudes within the brachiocephalic artery. This is because lower momentum flow 

passing distal to the brachiocephalic is diverted to the left common carotid as the 

high momentum flow within the outer wall proximal to the branches was fltst 

diverted to the brachiocephalic. 
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Figure 4.7 Velo city distributions within the left common 

carotid at the four cime points of interest. The central 

figure shows the location of the cross section area within 

the model. Looking at the cross section, the distal wall of 

the bran ch is located at the right and the proximal wall at 

the left. 
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Lejt S ubclavian Artery: 

Figure 4.8 shows the flow velo city distribution within the left Subclavian artery at 

maximum acceleration, peak systole, maximum deceleration, and peak diastole. 

Primary flow is slighrly skewed towards the distal wall of the artery. As blood gains 

momentum throughout the systolic phase, secondary flows are mainly directed from 

the proximal wall to the distal wall. Flow patterns during maximum deceleration and 

peak reversaI are also similar to the ones observed in the left common carotid artery. 

Similarly, flow magnitudes are lower compared to the magnitudes within the left 

common carotid. This is because lower momentum flow passing distal to the left 

common carotid is diverted to the left subclavian as the high momentum flow within 

the outer wall proximal to the branches was first diverted to the brachiocephalic and 

then to the common left carotid. 
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Figure 4.8 Velo city distributions within the le ft 

subclavian at the four time points of interest. The central 

figure shows the location of the cross section area within 

the model. Looking at the cross section, the distal wall of 

the bran ch is located at the right and the proximal wall at 

the le ft. 
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4.3 Pressure Results 

The wall pressure contours are presented in figure 4.9. The pressure values were 

converted from the output units in Pascal into millimeter of mercury (mmHg) for 

ease of interpretation. As the flow picks up momentum, overall pressure values 

increase within the aorta and decreases with flow reversaI and during diastole. 

It is interesting to note that during maximum acceleration and during peak systole, 

pressure is maximum at the three stagnation regions that are distal to the three 

branches within the aortic arch. In these regions, the high velocity flow from the 

aorta is suddenly diverted into the branches which explains the rapid pressure 

decrease downstream the branches. 

Another high pressure region is the outer wall within the ascending aorta, where the 

sharp curvature decelerates the high momentum flow. 

Low pressure regions are located within the proximal walls of the branches at the 

junction within the outer wall of the aorta. Overall, the lowest pressure values are 

observed downstream of the branches, within the downstream portion of the inner 

wall of the aortic arch, and in a large portion further downstream within the 

descending aorta. 
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Figure 4.9 Pressure distributions within the central plane 

at the four cime points of interest. The units are in mmHg. 

1 mmHg is equal to 133.3 Pa. 
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4.4 Shear Results 

With respect to blood hemodynamics involvement in the development of 

cardiovascular disease and particularly atherosclerosis, wall shear is probably the 

most important parameter. 

Figures 4.10 shows wall shear rate distribution within the aortic model. The values of 

wall shear rate presented below are the shear rate magnitudes due to all three 

components of the velo city vector and the unit is S-l. Overall shear rate increases as 

the flow pick ups momentum from maximum acceleration into the peak systolic 

phase. At peak systole, wall shear rate maximum occur on the outer wall of the aorta 

proximal to the Fust bran ch, the brachiocephalic. This probably occurs because the 

lower pressure in the brachiocephalic artery crea tes a suction effect.. One can also 

notice that other wall shear rate maxima occur on the outer wall between the branch 

entrance locations and within the branches. The minimum shear stress areas occur 

within the inner wall of the aorta especially downstream, in the branches along the 

proximal walls, and in the descending part of the aorta 

As the flow decelerates overall shear rate values decrease and then increase back 

again during peak flow reversaI especially in the outer wall of the aorta along the 

branches. 
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Figure 4.11 Shear rate distributions within the aortic wall 

at the four time points of interest. The units are in (S-1). 
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These fmdings motivated an investigation of the local shear rate cime history at 

specific locations within the aortic mode!. Six points were chosen for the 

investigation: As shown in figure 4.11, point 1 is taken within the outer wall of the 

ascending aorta, point 2 is taken within the outer wall of the aortic arch proximal to 

the brachiocephalic artery, point 3 is taken within the outer wall of the aortic arch 

distal to the brachiocephalic and proximal to the left common carotid artery, point 4 

is taken distal to the left common carotid but proximal to the left subclavian artery, 
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point 5 is taken still within the outer wall of the aortic arch distal to the left 

subclavian. Finally, point 6 is taken within the inner wall of the aortic arch and 

located in its middle section. 

Figure 4.11 Locations for shear rate time history 

investigation. 

Figure 4.12 shows the rime history of the wall shear rate magnitude for the six 

locations during the encire pulsatile cycle. The ftrst thing that one can notice is that 

the wall shear rate magnitude throughout the pulsatile cycle follows up a pattern that 

resembles the inlet velo city waveform. As the flow is accelerating, shear rate values 

increase to reach maximum values. As the flow is decelerating within the end of the 

systolic phase, shear rate values decrease and stay at relatively low levels throughout 

the diastolic phase. Point 1, which is located within the outer wall of the ascending 

aorta, is a flne example. As you can see from flgure 4.12, its shear rate history closely 

resembles that of the inlet velo city waveform. 

The maximum shear rate takes place at point 2 which is the point located proximal 

to the brachiocephalic artery, this is due to the suction created by the brachiocephalic 

where as discussed earlier in section 3.2, 14 percent of the flow is diverted 
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throughout the pulsatile cycle, high momentum flow is diverted into the branch and 

flows in the vicinity of the wall creating a zone with a high velo city gradient and 

therefore high shear values. Point 3, located between the brachiocephalic and the left 

common carotid, has the second highest shear rate, this is due similarly to the lower 

pressure within the left common carotid creating a suction effect. 

Point 4, located between the left common carotid and the left subclavian, follows 

with the third highest shear rate. The high value is similarly due to the suction effect. 

Point 6, located within the inner wall at the maximum curvature area, has lower 

values compared to the other selected locations, this is primarily due to the curvature 

that leads to low velo city field in that region. 

These results are in agreement with suction investigations in viscous fluid mechanics 

performed by White (1979). AIso, the shear rate values found correspond to values 

previously reported by Friedman et aL (1981) and Ku et aL (1985). The highest values 

for the shear rate in our study was 1099 S-l while Ku et al. (1985) found values as 

high as 1171 S-l. These results are a slight improvement compared to the results of 

the study performed by Shahcheraghi et al. (2002) where shear rate reached as high 

as 4000 S-l. 
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Figure 4.12 Shear rate time history of the different 

locations studied. 
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4.5 Discussion 

We have performed a numerical study to elucidate the cime dependent 

hemodynamics in an anatomically realistic human aorta, which was reconstructed 

from magnetic resonance imaging. 

Overall, the results have revealed flow patterns that are similar to the ones reported 

in previous studies (Redkiewicz, 1975; Yearwood and Chandran, 1984, and 

Shahcheragi et al. 2002). Blood flow is skewed towards the outer wall of the aorta and 

especially in the ascending and descending parts. Similarly and due to curvature, 

blood flow is highly skewed towards the distal walls of the branches. Pressure is 

maximum within the outer walls of the aortic arch and the junction with the distal 

walls of the branches. Wall shear rate magnitude follows a pattern that resembles the 

inlet velocity waveform throughout the pulsatile cycle. Shear is maximum at a point 

located proximal to the brachiocephalic artery; this is due to the suction effect 

created by the lower pressure in the brachiocephalic artery. 

What is different in this study is that we have assumed inlet boundary conditions that 

were derived from recent hemodynamics studies and used a realistic inlet waveform 

and equivalent blood flow rates. In addition, no flow boundary conditions were 

imposed at the branches' exits and results revealed that flow distribution was very 

close to physiological ranges. 

Shahcheraghi et al. (2002) have assumed that five percent of the total mass flow into 

or out of each of the three aortic branches while there was no reason to assume that 

it is constant throughout the cycle and that it is indeed equal for aIl the three 

branches. In their conclusion, they wrote: "A very important question for future 

studies is the proper distribution of total flow into the branches during the cardiac 

cycle". We found that the resultant flow distribution into the branches agreed better 

with measured physiological values performed by Bell et al. (1965) compared to the 

Shahcheraghi et al. (2002) where percentage variations were between 25% (for the 

LCC) and 120% (for the brachiocephalic). This is probably the major contribution of 

this section of the thesis. 

Singh (1974), and Yao and Berger (1975) described the development of the flow in 

curved pipes. When the fluid first enters the pipe, the central core of the flow is not 

59 



influenced by the vis cous effects, these effects are confmed to a thin layer near the 

walls. This boundary layer develops initially like that in a straight pipe. Therefore, 

imtnediately downstream of the entrance the flow consists of two regions: 

• A central core in which the centrifugaI force, due to the curved motion of the 

fluid is balanced by a pressure gradient force directed toward the center of 

curvature. 

• A thin boundary layer in which there is a balance between the viscous and 

the inertial forces. 

The displacement effect of the growing boundary layer accelerates the flow in the 

core and induces a secondary flow from the inner wall to the outer wall of the 

curvature. Curvature therefore induces a secondary flow, with slower moving fluid in 

the boundary layer on the wall moving toward the inner wall, and faster moving fluid 

in the core moving toward the outer wall. The combination of these two effects 

result in high momentum flow located closer to the inner wall in low bend angles 

mainly due to the resulting increase in pressure at the inner wall. 

It is interesting to note that the hemodynamics of the ascending part of the aorta is 

highly complex in nature: As the flow gains momentum through maximum 

acceleration, the flow is blunt with high momentum flow slighrly located towards the 

inner wall. As the flow further gains momentum towards peak systole and with the 

effect of viscosity, the high momentum flow is located within the central portion of 

the cross section. This is possibly due to the balance between the centrifugaI force 

due to the curvature directed toward the outer wall and the pressure gradient force 

directed toward the inner wall. During maximum deceleration, the momentum of the 

flow is reduced along with the pressure gradient and flow is allowed to start its return 

towards the outer wall. During flow reversaI, the flow continues its return towards 

the outer wall and hence the creation of Dean like secondary flow vortices. 

Throughout the flow cycle, the flow in the ascending part of the aorta is therefore 

very complex and doesn't resemble at all rimes the typical flow in curved tubes. This 

is due to the altered geometry, the tapering of the cross section going downstream, 

the change in the radius of curvature, the presence of the branches, and the flow 

pulsatility. 
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The results of this the sis also gave great insight with respect to the time dependent 

distribution of shear stress; they have shown that high shear stress regions occur 

within the distal walls of the branches' junction to the aortic wall and within the 

outer wall of the ascending aorta. Results also show that l~w shear stress region 

localize in the proximal walls of the branches, in the downstream section of the 

aortic arch, and within a large portion of the ascending aorta. 

As to the time dependence distribution of pressure, results show that high pressure 

zones occur in three stagnation regions which are located within the distal walls of 

the branches' junction to the aortic arch. Low pressure regions are located within the 

proximal walls of the branches at the junction within the outer wall of the aorta. 

Overall, the lowest pressure values are observed downstream of the branches, within 

the downstream portion of the inner wall of the aortic arch, and in a large portion 

further downstream within the descending aorta. 

As discussed earlier, Rodkiewicz (1975) found that atherosclerosis develops in both 

the aortic arch within the vicinity of the branches, and in the inner wall of the aortic 

arch at the maximum curvature area. 

In our model, the reported regions of atherosclerosis development (distal walls of 

the branches) may be related to high shear stress variations. Atherosclerosis 

development in the proximal walls of the branches may be related to high shear 

stress. Early atherosclerosis development within the inner walls of the aortic arch 

may be related to low shear stress values. 

It has been suggested in the past that arterial wall thickening may be a process 

through which the artery decreases its luminal area to increase pressure and shear 

(Friedman, 1990). In the descending aorta, we found shear and pressure to be lower 

with respect to the rest of the aorta, this may be a reason why aortic coarctation is 

usually found in that area. The aortic wall in that region may possibly be responding 

to the lower pressure and shear values by decreasing its lumen area to consequendy 

increase shear and pressure to levels comparable to the rest of the aorta as was 

suggested by Friedman (1990). 

High shear stress and high pressure are also known to cause damage to the 

endothelial cells; we found that the outer wall of the ascending aorta and the distal 

walls of the branches within the aortic arch are characterized by high shear and high 
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pressure at systole. This may be linked to aneurysm growth and dissection which 

generally develop starting at these locations. 
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4.6 Study Limitations 

Eventhough the study was performed with a realistic geometrical model, there are 

limitations that are associated with magne tic resonance data acquisition, the limited 

spatial resolution used, errors associated with the 3-D reconstruction of the model 

(Moore et al. 1998), and additional errOfS associated with the manual global structure 

corrections using Pro /Engineer. 

Rigid walls assumption was used to solve for the computational problem while it is 

known that the arterial wall and especially that of the aorta is compliant. However, 

Lighthill (1975) and Berger et al. (1983) have detetmined through numerical analysis 

that eventhough wall compliance is particularly important in determining the pulse 

wave propagation and determining the local pressure gradient in curved tubes, they 

found that it had litde effect on the fluid motion. 

The movement of the aorta resulting from its attachment to a beating heart was 

ignored. It is not clear how the movement of the aorta may affect the results. 

In addition, the aortic sinus es and the valve leaflets were not included ill the 

geometry and consequendy their effects on the flow field and pressure distribution 

was not taken into account. 

Because of limitations in the numerical code used, we couldn't assess oscillatory 

shear stress index which was correlated to atherosclerosis and intimaI thickening (Ku 

etaI., 1985). 

We have also assumed Newtonian fluid. Numerical simulations uSillg non

N ewtonian blood models have proven only modest changes compared to N ewtonian 

blood models and therefore suggest that Newtonian simulations provide adequate 

estimates in large and medium size arteries (Low et al., 1993; Dutta and Tarbell, 

1996). These studies indicate that the assumption of a Newtonian that we have taken 

will produce litde change in the hemodynamics results. 
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Chapter 5: Effects of Inlet Flow Conditions on Flow Results 

5.1 Inlet Flow Conditions in the ascending aorta 

Bogren and Buonocore (1999) used four-dimensional magne tic resonance velo city 

mapping to study normal flow patterns in the aortic arch in sixteen normal subjects. 

Two groups were studied, one young group with an average age of 31 years and a 

second group with elderly people with an average age of 72 years. Blood flow was 

never found to be perfectly parabolic and peak systolic velocities were found to be 

higher in young subjects compared to the elderly. 

Even with the recent technological advancement in medical imaging and particularly 

magnetic resonance imaging, it is still difficult today to assess accurately the flow 

conditions within the ascending aorta (I(vitting et al, 2004). Obtaining accurate 

information on the flow conditions within the ascending part is key to modeling 

realistic flow conditions within the human aorta. We therefore decided to investigate 

blood flow in our aortic model using two new inlet velo city profile boundary 

conditions and compare the results obtained in the previous chapter using the 

Poiseuille inlet profile. 

The fllldings should help assess the effects of the velo city inlet boundary conditions 

on the hemodynamics in the aorta and its importance in numerical modeling. 

The two inlet velo city profiles are: 

• A flat or "plug" inlet velocity profile equivalent to a flow rate of 51/ min and a 

peak systolic flow rate of20 1/min. The peak systolic velo city is 0.675 m/s. 

• A skewed (towards the outer wall) velo city profile equivalent to a flow rate of 

51/ min and a peak systolic flow rate of 201/ min skewed towards the outer 

wall: The peak systolic velo city is 1.9 m/ s. 

The following study will enable us to assess the effects of the inlet velocity profiles 

on velo city, pressure, and shear distributions within the aortic model. It will also 

enable us to de termine whether the flow within the aorta is a flow dominated or 

geometry dominated field. In other words, which is more dominant and plays the 
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major role 1ll determining the flow conditions: 1S it the inlet conditions or the 

geometry? 

5.2 Influence of inlet boundary conditions on Velocity Results 

5.2.1 Overview 

Figures 5.1 and 5.2 respectively show the axial velo city within the central plane of the 

aorta at peak systole for the case of the skewed inlet profùe and the plug inlet profùe. 

One can notice that because of the complexity of the model, the velo city is highly 

skewed and changes in distribution from one location to the other. 

\ 

Units in (mIs) 

Figure 5.1 Axial Velocities at the selected cross sections 

within the central plane of the aorta at peak systole for the 

case of the skewed inlet velocity proftle. The units are in 

rn/s. 
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Figure 5.2 Axial Velocities at the selected cross sections 

within the central plane of the aorta at peak systole for the 

case of the flat inlet velo city profùe. The units are in mis. 

Similarly to the previous chapter, the flow results of six different cross sections will 

be displayed as previously illustrated on figure 4.2: Six axial cuts or slices within the 

aortic model, three within the main aorta where one is taken within the ascending 

aorta, one within the aortic arch between the brachiocephalic artery and the left 

common carotid, and the third slice within the descending aorta. The three others 

are respectively within the brachiocephalic artery, the left common carotid, and the 

le ft subclavian artery. Similar to the previous plots, the color contour plot shows the 

out of plane velocities and the vector plot shows the secondary flow velocities. The 

results are again displayed such that the view point is from a distal position with the 

outer wall positioned at the left and the inner wall at the right. For this part of the 

study, however, results according to the three inlet boundary conditions will be 

displayed which are: the Poiseuille, the plug, and the skewed inlet profiles. 

66 



5.2.2 Velocity Results 

Ascending Aorta: 

Figure 5.3 shows the blood flow distribution for the three inlet profùes within the 

ascending aorta. Blood velo city distribution is similar within the ascending aorta 

during the early systolic phase. As blood reaches peak systolic, one can notice that 

high momentum flow is considerably skewed towards the outer wall in the case of 

the skewed inlet flow and equally distributed in the case of plug flow as expected. As 

the blood is decelerating and throughout the diastolic phase, primary flow looses 

momentum until it reaches maximum retrograde value at peak reversal. Strong 

secondary flow, from the outer to the inner wall, is also induced by the curvature as 

in a simple curved pipe flow. It is interesting to note that during maximum 

deceleration and peak diastole, secondary flow form complex patterns where flow 

direction is reversed going from the outer wall into the inner wall and going from the 

arterial wall into the lumen. One should also note that flow patterns during peak 

systole and maximum acceleration are very similar independent of the inlet boundary 

conditions and especially when comparing results of the Poiseuille and skewed inlet 

conditions. 
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Figure 5.3 Velocity distributions within the ascending 

aorta for the three different inlet profiles, at the four time 

points of interest. Looking at the cross section, the outer 

wall of the aorta is located at the left and the inner wall at 

the right. 
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Aortic Arch: 

Figure 5.4 shows the velocity distribution within the aortic arch for the three inlet 

profùes. As blood picks up momentum, high momentum flow is localized within the 

outer walls as in the case of curved tubes. As blood flow reaches peak systolic, high 

momentum flow is located within the lateral walls, these particular results have been 

explained in the previous chapter: High momentum flow localized in the outer wall 

of the ascending aorta have been diverted into the brachiocephalic artery and high 

momentum flow within the lateral walls went downstream as found in previous 

studies. Reverse flow during peak reversaI was found within the outer wall of the 

aortic arch and is likely due to the branches discharging blood back into the aorta. It 

is interesting to note that results are very sirnilar independent of the inlet flow 

velo city boundary condition used and that for all four cimes studied, this may suggest 

that inlet boundary conditions effects are fading as flow is progressing downstream. 
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Figure 5.4 Velo city distributions within the aortic arch 

for the three different inlet prafùes, at the four time points 

of interest. Looking at the cross section, the outer wall of 

the aorta is located at the top and the inner wall at the 

bottom. 
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Descending Aorta: 

Figure 5.5 shows the velo city distribution within the descending aorta for the three 

inlet profùes. The high momentum flow is skewed towards the outer wail as in the 

case of flow in curved tubes. Secondary flows within the descending aorta form 

patterns that are similar to the ones observed in the ascending aorta. However, when 

compared to secondary flow in the ascending aorta, the magnitudes in the 

descending aorta are significandy lower. 

The most important observation is that flow distribution is the same independent of 

the inlet flow velo city boundary condition used and that for ail four cimes studied, 

this suggests that inlet boundary conditions effects have faded away as flow 

progressed downstream away from the ascending aorta. 
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Figure 5.5 Velo city distributions within the descending 

aorta for the three different inlet profùes, at the four time 

points of interest. Looking at the cross section, the outer 

wall of the aorta is located at the right and the inner wall at 

the le ft. 
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Brachiocephalic artery: 

Figure 5.6 shows the blood flow velocity distribution within the brachiocephalic 

artery respectively at maximum flow acceleration, peak systole, maximum 

deceleration, and peak reversaI for the three inlet velo city profùes. The figures are 

laid out such that the distal wall is at the right while the proximal wall is at the left. 

Primary flow is highly skewed towards the distal wall of the artery especially in peak 

systole where high momentum flow forms a pattern similar to a horseshoe facing the 

distal wall. As blood gains momentum throughout the systolic phase, secondary 

flows is mainly directed from the proximal wall to the distal wall. During maximum 

deceleration, the momentum of the fluid is reduced enough to allow flow to be 

returned to the proximal wall by the pressure build up in the distal wall. The return 

of fluid toward the proximal wall continues through peak diastole. There is however 

an additional secondary flow developing from the proximal arterial wall towards the 

distal central section which is due to the abrupt area constriction going from the 

main arch into the brachiocephalic artery. 

During peak diastole, the flow is similar for all three inlet velo city profùes: Primary 

flow is reversed with a nearly axisymetric profile. Secondary flow, also reversed, is 

mainly directed from the distal wall towards the proximal wall. 

A difference in axial flow is seen in the three different inlet boundary conditions, 

however, this difference is more difficult to see in the secondary flow. 
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Figure 5.6 Velo city distributions within the 

brachiocephalic artery for the three different inlet profùes, 

at the four time points of interest Looking at the cross 

section, the distal wall of the branch is located at the right 

and the proximal wall at the le ft 
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Lejt Common Carotid: 

Figure 5.7 shows the flow velocity distribution within the left common carotid at 

maximum acceleration, peak systole, maximum deceleration, and peak diastole for 

the three inlet velo city profiles. Primary flow is skewed towards the distal wall of the 

artery especially in peak systole where high momentum flow forms a pattern similar 

to a horseshoe facing the distal wall; it is however not skewed to the levels observed 

in the brachiocephalic. As blood gains momentum throughout the systolic phase, 

secondary flows are mainly directed from the proximal wall to the distal wall. During 

maximum deceleration, the momentum of the fluid is reduced enough to allow flow 

to be returned to the proximal wall by the pressure build up in the distal wall. The 

return of fluid toward the proximal wall continues through peak diastole. There is 

however an additional secondary flow developing from the proximal arterial wall 

towards the distal central section which is due to the abrupt area constriction going 

from the main arch into the brachiocephalic artery. Flow patterns during maximum 

deceleration and peak reversaI are also similar. 

It is interesting to note that flow distribution 1S the same no matter what inlet 

velo city profile is used, this is a clear indication that the effects of the inlet velocity 

conditions have faded away as flow progressed downstream and away from the 

ascending aorta. 
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Figure 5.7 Velo city distributions within the left common 

carotid for the three different inlet profùes, at the four 

time points of interest. Looking at the cross section, the 

distal wall of the branch is located at the right and the 

proximal wall at the left. 
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Left 5 ubclavian Artery: 

Figure 5.8 shows the flow velocity distribution within the left subclavian artery at 

maximum acceleration, peak systole, maximum deceleration, and peak diastole for 

the three inlet velo city profùes. Similarly, the flow distributions are the same no 

matter what inlet velocity proftle is used. 
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Figure 5.8 Velocity distributions within the le ft 

subclavian artery for the three different inlet profùes, at the 

four time points of interest. Looking at the cross section, 

the distal wall of the branch is located at the right and the 

proximal wall at the left. 
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5.3 Effect of inlet boundary conditions on flow distribution into 

the branches 

Flow rates for each cime step within the pulsatile cycle were compiled for the inlet 

and for the four exit boundaries (brachiocephalic, left common carotid, left 

subclavian, and descending aorta) and were summed. Table 5.1 shows the value for 

each exit boundary and their percent variation with respect to the measured values 

by Bell et al (1965) discussed in section 4.2. 

Flow distribution within the aorta (%) 
Plug Inlet Poiseuille Inlet Skewed Inlet 

Result % Result % Result 
variation Variation 

Descending 78.57 0.73 77.42 0.74 76.68 
Brachiocephalic 12.10 10.02 13.59 23.54 14.39 
LCC 3.43 14.25 3.29 17.75 3.22 
LSC 5.69 18.66 5.50 21.43 5.52 
Average % 
Variation (Bell et 10.92 15.87 
al 1965) 

Table 5.1 Flow distribution within the aorta for the three 

different inlet velo city proftles. Percentage variations have 

been tabulated with respect to the measured values by Bell 

et al. (1965) discussed in section 4.2 

% 
Variation 

1.69 
30.77 
19.49 
21.14 

18.27 

Statistical analysis of the flow distribution results revealed a value of p=0.6528 using 

a paired one-way Anova Friedman test which indicates that the inlet velocity 

boundary has little influence on the flow distribution into the branches. 

The geometry of the aortic arch therefore plays the dominant role in dictating blood 

distribution within the human body. This may suggest that the aortic arch geometry 

is not only a passive channel for blood distribution but is in fact actively making sure 

that blood is distributed properly independent of the cardiac input and the velo city 

inlet profùe which may change with age as discussed earlier. 
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5.4 Influence of inlet boundary conditions on Pressure Results 

The wall pressure contours are presented in figures 5.9 and 5.10. The pressure values 

were converted from the output units in Pascal into millimeter of mercury (nunHg) 

for ease of interpretation. As the flow picks up momentum, overall pressure values 

increase within the aorta and decreases with flow reversaI and during diastole. 

A high pressure region is seen at the distal end of the branch ostia created by the 

redirection of the bulk flow by the branch artery connections. Another high pressure 

region is the outer wall within the ascending aorta, where the sharp curvature 

redirects the high momentum flow. 

Low pressure region is seen at the proximal walls of the branches near the branch 

ostia because the bulk flow is skewed to the outer wall. Overall, the lowest pressure 

values are observed downstream of the branches, within the downstream portion of 

the inner wall of the aortic arch, and in a large portion further downstream within 

the descending aorta. 

What is most interesting to note is that the change in the inlet velo city profile has a 

slight effect on pressure distributions: The highest variation was observed within the 

ascending aorta during peak systole where peak pressure went from 131 in the case 

of Poiseuille inlet to 135 nunHg in the case of skewed profùe: A variation that 

represents a 3% increase. 
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Figure 5.9 Pressure distributions within the aortic wall 

for the three different inlet proftles, at maximum 

acceleration and peak systole. The units are in mmHg. 1 

mmHg is equal to 133.3 Pa. 
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Figure 5.10 Pressure distributions within the aortic wall 

for the three different inlet profiles, at maximum 

deceleration and peak diastole. The units are in mmHg. 1 

mmHg is equal to 133.3 Pa. 
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5.5 Influence of inlet boundary conditions on Shear Results 

Figure 5.12 shows the cime history of the shear rate in six different locations within 

the aortic arch. These locations as illustrated in figure 5.11 are the same locations 

used in section 4.4 for the shear rate study. 

Figure 5.11 Locations for shear rate time history 

investigation. 

Similar to the fmdings in section 4.4, the wall shear rate magnitude for the three 

cases and throughout the pulsatile cycle follows a pattern that resembles the inlet 

velo city waveform. As the flow is accelerating, shear rate values increase to reach 

maximum values. As the flow is decelerating within the end of the systolic phase, 

shear rate values decrease and stay at relatively low levels throughout the diastolic 

phase. Point 1, which is located within the outer wall of the ascending aorta, is a fme 

example for all inlet velocity profùes studied. As you can see from figure 5.12, its 

shear rate history closely resembles that of the inlet velo city waveform. 
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Overall, the pattern of temporal shear distribution is similar in all cases independent 

of the inlet velo city profùe. The magnitude of shear is significantly different at the 

ftrst two points studied. Further downstream, the difference is less significant. 

In the case of the skewed inlet velo city profile, high momentum flow is located near 

the outer wall of the ascending aorta, this may explain the higher shear rate values 

found in this case compared to the Poiseuille and the plug flow at point 1. 

The maximum shear rate takes place at point 2 which is the point located proximal 

to the brachiocephalic artery, this is due to the suction created by the brachiocephalic 

where as discussed in section 4.2, 14 percent of the flow is diverted throughout the 

pulsatile cycle. Similarly to the results of point 2, the shear rate values are higher for 

the case of skewed inlet velo city profùe. 

It is interesting to note that once we reach point 3, located between the 

brachiocephalic and the left common carotid, results are similar and vary slightly. 

This is, again, a clear indication that the effects of the inlet velocity fade away as the 

flow progresses downstream; the geometry becomes the dominating factor in 

determining the velo city distribution and consequently the shear rate distribution as 

well. 

8S 



5.6 Discussion 

We have performed this numerical study to investigate the effects of inlet velo city 

profùe on velo city, pressure, and shear distributions in the aortic model and assess its 

importance in numerical modeling. 

The results have revealed flow patterns that are similar to the ones reported in 

previous studies independent of the inlet velo city profile used (Redkiewicz, 1975; 

Yearwood and Chandran, 1984, and Shahcheragi et al. 2002). 

The results have shown that altering the inlet velocity profùe led to variations in the 

velo city, pressure, and shear distributions within the ascending aorta. The effects of 

the inlet velo city profile however faded away as the flow progressed downstream 

within the aortic arch and into the branches. This suggests that the geometry is 

possibly the major determinant in velo city, pressure, and shear distribution. 

These findings may also suggest that the complex geometry of the aorta may play an 

important and active role in making sure that proper blood flow is distributed at the 

right proportions to the different parts of the human body. 

Myers et ai. (2001) performed steady state flow simulations (Re = 500) and pulsatile 

flow simulations (a = 1.82 and Re = 233) on an anatomically realistic model of a 

human right coronary artery using three different inlet velo city profùes. They found 

that the change in the inlet velo city profile did not produce significant changes in the 

arterial velo city and wall shear stress patterns. Compared to our study, the effect of 

the inlet velo city profùe fads away much faster in Myers et ai. (2001) study: This is 

mainly due to the smaller dimensions of the right coronary artery compared to the 

aorta, the lower Reynold's number (Re = 233) and the lower Womersley number (a 

= 1.82) used by Myers et al. (2002). 

We found that the change in velo city inlet profile had a significant effect on the shear 

magnitude within the ascending aorta. Shear magnitude due to the skewed profile 

was higher that the magnitude found using a Poiseuille and flat profùe. If shear stress 

magnitude is the determining factor in the genesis and development of 

atherosclerosis, then velo city magnitude and its spatial distribution may have an 

effect on atherosclerosis development. However, if temporal distribution of shear is 
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the determining factor then our fmclings are not conclusive and further studies are 

needed. 

As discussed in section 5.1, Bogren and Buonocore (1999) used four-ditnensional 

magnetic resonance velocity mapping to study normal flow patterns in the aortic 

arch in normal subjects. Peak systolic velocities were found to be higher in young 

subjects compared to the elderly: This may either be the consequence of a reduced 

hemodynamical cardiac output with age or that the body may be adjusting its cardiac 

output velo city profile as a result of changing hemodynamic conditions or arterial 

wall compliance with age. 

We may argue that the body adjusts its cardiac output by changing the velo city 

profile from a highly tapered profile into a plug profile to reduce the blood pressure 

applied on the outer wall of the ascencling aorta. High pressure within that region has 

been linked to aneurysm formation and rupture as discussed in section 5.5, 

decreasing the pressure may therefore decrease the likelihood of developing aortic 

disease in that region. The regulation of arterial blood pressure is accomplished by 

negative feedback systems incorporating pressure sens ors called baroreceptors and 

located in the aortic arch. These receptors are sensitive to the rate of pressure change 

as weIl as to the steady or mean pressure and are responsible for heart rate and blood 

pressure control by affecting the body to cause vasoconstriction or vasodilatation, 

change of heart rhythm, and change in the cardiac stroke volume by modifying 

ventricular contractility. 

What is really interesting to note however is that we have found that inlet velocity 

profile is of great importance when modeling the flow in the ascencling aorta. This 

has serious implications for valve replacement, where the orientation of the 

prosthetic valve implanted may alter the hemodynamics of the ascencling aorta. 

Presendy, recommendations as to the orientation of the prosthetic valve have not 

been set and vary from one health center to the other. 1t will be interesting to study 

the effect of the orientation of prosthetic valves on the hemodynamics in the 

ascencling aorta especially that it is known that bicuspid patients are more likely to 

develop dilatation of the aorta, aneurysms, and dissection (Fedak et al. 2002). 
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5.7 Study Limitations 

The limitations for this section of the study are the same as the ones mentioned in 

section 4.7. Eventhough the study was performed with a realistic geometrical model, 

there are limitations that are associated with magne tic resonance data acquisition, the 

limited spatial resolution used, errors associated with the 3-D reconstruction of the 

model (Moore et al. 1998), and additional errors associated with the manual global 

structure corrections using Pro /Engineer. 

Rigid walls assumption was used to solve for the computational problem while it is 

know that the arterial wall and especially that of the aorta is compliant. However, 

Lighthill (1975) and Berger et al. (1983) have deterroined through numerical analysis 

that eventhough wall compliance is particularly important in determining the pulse 

wave propagation and determining the local pressure gradient in curved tubes, they 

found that it had little effect on the fluid motion. 

The movement of the aorta resulting from its attachment to a beating heart was 

ignored. It is not clear how the movement of the aorta may affect the results. In 

addition, the aortic sinus es and the valve leaflets were not included in the geometry 

and consequently their effects on the flow field and pressure distribution was not 

taken into account. 

Because of limitations ln the numerical code used, we couldn't assess oscillatory 

shear stress index which was correlated to atherosclerosis and intimaI thickening (Ku 

et al., 1985). 

We have also assumed Newtonian fluid. Numerical simulations USlng non

Newtonian blood models have proven only modest changes compared to Newtonian 

blood models and therefore suggest that Newtonian simulations provide adequate 

estimates in large and medium size arteries (Low et al., 1993; Dutta and Tarbell, 

1996). These studies indicate that the assumption of a Newtonian that we have taken 

will produce little change in the hemodynamics results. 
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Chapter 6: Contributions and Conclusions 

As stated earlier, the aorta is the primary artery of the circula tory system, delivering 

oxygenated blood to all other arteries except those of the lungs and is a major site for 

arterial disease and despite the clinical importance of the aorta, relatively litde is 

known about its hemodynamic features due in part to the difficulty of studying 

blood flow in this artery. 

Most studies in hemodynamics have focused instead on coronary arteries, abdominal 

aortas, carotid bifurcations, and cerebral arteries using realistic models or simplified 

geometries such as bifurcations and curved tubes. Recendy, however, numerical and 

experimental studies have been performed using realistic models of three 

dimensional reconstructions of aortic arches including the aortic branches. 

This study is a continuation of the recent efforts in elucidating blood flow patterns in 

the human aortic arch and presents a numerical analysis on the hemodynamics of the 

aorta with a focus on velo city, pressure, and shear stress distributions. 

We were able to use clinical magnetic resonance imaging data and reconstruct an 

anatomically realistic model of the human ascending aorta, a model that can be used 

for numerical simulations. In addition, we have obtained mesh independence for 

shear stress which is usually the hardest to get (prakash and Ethier, 2001). 

The anatomically realistic geometry along with appropriate boundary conditions have 

enabled us to obtain flow distribution which agreed better with measured 

physiological values (Bell et al, 1965). This was a major improvement compared to 

the latest numerical study performed by Shahcheragi et al (2002). 

We were able to investigate the influence of the inlet velo city profùe on the 

hemodynamics in the model using three different profiles, a Poiseuille, a flat, and a 

skewed profùe: We found that the inlet velocity profile affected the hemodynamics 

within the ascending aorta, those effects however faded as we moved downstream 

within the aortic arch, the branches, and the descending aorta. This suggests that in 

order to accurately study the hemodynamics of the ascending aorta, one needs 

accurate flow conditions which has eluded researcher so far. This may also suggest 

that numerical studies to design prosthetic valves for valve replacement or covered 

stents to treat ascending aortic aneurysms may not be suitable unless further studies 
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are performed to accurately determine the hemodynamics conditions within the 

outflow tract of the left ventricle. This is mainly why expensive in-vitro set-ups using 

pulse duplicators are still the only acceptable way to test prosthetic valves. 

The change of inlet velocity profùe had litde effect on the hemodynamics in the 

aortic arch, the branches, and the descending aorta and suggests that the geometry is 

the major determinant of the hemodynamic conditions. It may possibly further 

suggest that the aorta is not only a passive tract for the distribution of oxygen rich 

blood into the body but that it does play an active role, thanks to its geometry, to 

make sure blood is distributed at the right proportions to the different part of the 

body. 

Future work should also include the use of fluid structure interaction (FSI) to better 

simulate in-vivo conditions: FSI is the coupling of unsteady fluid flow (blood) and 

structure (arterial wall) motion, and is an important field of computational mechanics 

gaining popularity in the field of cardiovascular biomechanics. 

The use of FSI will enable the inclusion of arterial wall compliance to study its effect 

on the hemodynamics in the aorta and better design prosthetic devices, such as 

prosthetic valves and stents. 
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