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Abstract 
Abdominal aortic aneurysm is a vascular disease involving a focal dilation of the aorta. The 
exact cause is unknown but possibilities include infection and weakening of the connective 
tissue. Risk factors include a history of atherosclerosis, current smoking and a close relative 
with the disease. Although abdominal aortic aneurysm can affect anyone, it is most often seen 
in older men, and may be present in up to 5.9% of the population aged 80 years. Biomechanical 
factors such as tissue stresses and shear stresses have been shown to play a part in aneurysm 
progression, although the specific mechanisms are still to be determined. The growth rate of 
the abdominal aortic aneurysm has been found to correlate with the peak stress in the aneurysm 
wall and the blood flow is thought to influence disease development. In order to resolve the 
connections between biology and biomechanics, accurate estimations of the forces involved are 
required. 

The first part of this thesis assesses the use of computational fluid dynamics for modelling 
haemodynamics in abdominal aortic aneurysms. Boundary conditions from the literature on 
healthy patients are used, along with patient specific aneurysm geometries, to obtain a first 

estimate of blood flow patterns and haemodynamic wall parameters within the aneurysms. The 
use of healthy patient boundary conditions is difficult to justify as the presence of the aneurysm 
is likely to alter the flow rate in the aorta. This is investigated with a Doppler ultrasound 
study of blood velocities in the normal and aneurysmal aorta. Archetypal waveforms reveal a 
significant difference in the diastolic maximum of young healthy volunteers and AAA patients. 
The archetypal aortic velocity wave for patients with abdominal aortic aneurysm is used to 
calculate the haemodynamics in a group of patients and these calculations are compared with 
those obtained using patient specific boundary conditions, and with phase-contrast magnetic 
resonance imaging measurements of blood velocity. With the correct z-velocity profile at the 
entrance to a short inlet section proximal to the aneurysm, the calculated velocities agreed 
qualitatively with the measured velocities. However, the velocities calculated using the correct 
inlet flow rate, but a simple velocity profile, are quite different from the measurements. These 
results show that the correct velocity profile at the aneurysm entrance is required to predict 
velocities within the aneurysm cavity. 

In reality the blood and the artery wall interact: the blood flow domain continually dilates and 
contracts, altering the flow patterns; the flow controls the pressure on the wall and therefore the 
stresses within it. The influence of this fluid-structure interaction on the blood flow and tissue 
stresses is investigated in axially symmetric models of abdominal aortic aneurysm. Modelling 
of the complete fluid-structure interaction reveals how the pressure and flow waves are distorted 
by the aneurysm geometry. This distortion, which is absent from both static pressure and one 
way coupled models, accounts for the small errors in tissue and wall shear stresses obtained 
when using these models with lower computational complexity. These errors vary with the 
type of modelling as well as the aneurysm diameter and elasticity. A one dimensional, lumped 
parameter model of the aneurysm is developed to elucidate the effect of aneurysm geometry on 
the propagation of pressure and flow waves. It reveals interesting consequences of the diameter 
of the aneurysm on its inductance and resistance, and its use in improving the outlet pressure 
boundary condition is investigated. 
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Chapter 1 
Introduction 

The use of computational methods in the study of vascular biomechanics has shed new light 

on many medical problems and helped to reveal how physical forces are connected with biol- 

ogy. In this chapter the relationship between vascular biology and biomechanics, and between 

biomechanics and clinical practice, especially in abdominal aortic aneurysm, will be discussed. 

Methods for measuring the factors responsible for biomechanical forces, that is the blood flow 

and tissue motion, are also discussed and the limitations of measurement are evaluated. Calcu- 

lations can be used to fill in some of the gaps left by measurements but there is still work to be 

done in improving and validating computational methods. Finally, some areas for improvement 

will be identified and a strategy for tackling these areas will be outlined. 

1.1 Biological Effects of Stress on the Vascular System 

TO 
TZ TZ 

TZ ...... .......: -ýº 

48 

tzr 

Figure 1.1: Stresses on a small section of artery: 're is the circumferential stress, TZ is the 
longitudinal stress and Tzr is the shear stress. 

Arteries are under constant pulsatile stresses, both tensile, in the circumferential (hoop) and 

longitudinal directions, and shear stress from the flowing blood (figure 1.1). The tensile stresses 

have magnitudes of the order of 104 - 105 Pa whereas the shear stresses are much smaller, of 

the order of 1 Pa. The wall shear stress (WSS) is the shear stress acting on the inner surface 

of the artery wall, which is in contact with the flowing blood. WSS is the most commonly 

studied flow related shear stress though there are a number of other shear stresses which will 
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Introduction 

be discussed later. These stresses have been shown to influence arteries both in their normal, 

healthy state and in disease. 

1.1.1 Healthy Arteries 

Normal arteries remodel to maintain a small range of wall shear stresses [1]. During blood 

vessel formation and growth the diameter is regulated by the flow rate. For example, in embryo 
development vessels with high flow enlarge while those with low flow get smaller. In adults, 

arterial diameters are moderated to maintain a shear stress of 1-2 Pa. However, in studies in 

which the endothelial cells have been removed arterial remodelling failed to occur showing that 

remodelling relies on an intact endothelium. 

Healthy arteries must be capable of stopping the bleeding following injury, a process known as 
haemostasis. If an artery is ruptured a high velocity jet of blood is released. The high shear 

stress [2] within this jet is responsible for activating the platelets and causing platelet adhesion 

to exposed collagen, and aggregation through the blood glycoprotein von Willebrand factor 

(vWf) [3]. 

1.1.2 Diseased Arteries 

When haemodynamic stresses are altered outside their normal ranges vascular diseases can 

occur. The following subsections describe the formation of atherosclerosis and thrombosis and 

the contribution of physical forces to these diseases. Aneurysm is another disease which is 

thought to be influenced by stresses and this will be discussed in detail later. 

1.1.2.1 Atherosclerosis 

Atherosclerosis is a disease of the larger arteries which are exposed to pulsatile deforma- 

tions and stresses as well as time-varying shear stress [4]. Of the three layers constituting 

the artery (intima, media and adventitia) atherosclerosis affects the intimal and medial layers 

where an excessive inflammatory response is thought to result in atherosclerotic lesions. Me- 

chanical stresses are important in both the early development and ultimate fate of the disease. 

Atherosclerotic lesions, or plaques, most often occur at bifurcations, branches and bends which 

typically have low shear and high tensile stress [4]. 

2 
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In regions of low shear the blood is moving slowly, thus prolonging the exposure of the en- 
dothelium to atherogenic particles such as lipids and activated white blood cells [4]. In the 

presence of flow, endothelial cells become aligned parallel to the flow, whereas in regions of 
low or oscillating flow endothelial cells are oriented randomly. The randomly aligned cells may 
have weaker attachments to each other which would increase the permeability allowing greater 

passage of leukocytes [4]. For leukocytes to be absorbed they must be adhered to the endothe- 
lium with specific molecules, the expression of which is inhibited by shear stress. Shear stress 

also upregulates certain genes which are likely to be vasoprotective. 

In regions of high tensile stress the arterial wall tends to become thicker, a change helping to 

reduce tension, and its composition is altered. Early atherosclerotic lesions appear as local- 

ized areas of intimal thickening. Vessel thickness and density affect permeability and reduced 

permeability increases accumulation of cholesterol and leukocytes in the intima. With age, pro- 

gressive accumulation of connective fibres tends to make the arteries denser and increasingly 

resistant to clearance across the wall. Arteries subjected to hypertension will become even 
denser [4]. 

Shear rate could be another important factor since regions with low shear stress also experience 

a low shear rate. A shear rate mediated mechanism implies that mass transport between the 

blood and the wall is a contributing factor [1]. 

1.1.2.2 Thrombosis 

Blood clotting, or thrombosis, is strongly influenced by flow since flow determines the rate of 

platelet arrival at the surface and the level of shear stress experienced by the platelets influences 

their clotting [3]. As in haemostasis, if platelets are exposed to high shear they become activated 

through vWf, however there is another mechanism by which thrombosis occurs; stagnant blood 

is clotted by a cascade of coagulation proteins [2]. 

1.2 Abdominal Aortic Aneurysm 

An aneurysm is a disease involving a dilation, stretching, or ballooning of a blood vessel. 

Aneurysms can occur in many of the major arteries but are most common in the aorta and 

the intracranial arteries. An aneurysm in the aorta is defined as an increase in the diameter of 
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the aorta of more than 50 %, as compared to the normal healthy section above or below the 
diseased section [5]. Aortic aneurysm may involve any of the aortic sections: ascending aorta, 

aortic arch, descending thoracic aorta or the abdominal aorta or may span several sections. 
Of these, the abdominal aorta is the most common location and abdominal aortic aneurysm 
(AAA) may be present in up to 5.9 % of the population aged 80 years [6]. Figure 1.2 shows a 

representation of an AAA. 

to 

renal arteries 

aortic bifurcat 

iliac arteries 

Figure 1.2: Simplified diagram of an abdominal aortic aneurysm showing nearby arter- 
ies. Adapted from the US. National Library of Medicine's Medline Plus: 
http: //www nlm. nih. gov/medlineplus/ency/imagepages/18072. htm 

The mortality rate for AAA rupture is approximately 90%, when patients dying before they 

reach hospital are included. The mortality rate for emergency repair operations may be as high 

as 50% [7]. For these reasons it is preferable to repair the aneurysm before it ruptures and, in 

patients with low to normal surgical risk, conventional surgery (simple repair without use of a 

stent) is usually effective, with a mortality from 0 to 8% [6]. However, in patients with high 

surgical risk, for example those with lung problems, kidney problems, or angina, the risk is 

between 8 and 30% (but less with endovascular stent grafts). The decision to operate can be a 

tricky one for surgeons as they must balance the relative risks of rupture and surgery. 

AAAs are usually fixed by a routine operation if their maximum anterior-posterior diameter is 

above 5.5 cm, or if they have symptoms, usually pain, they will be operated on immediately 

with an emergency operation. The 5.5 cm threshold is based on data from the United Kingdom 

Small Aneurysm Trial [8] and the United States Aneurysm Detection and Management study 
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[9]. The criterion is recognized to be imperfect since 60 % of aneurysms with diameters above 
5.5 cm never rupture [ 10] and 10 % with diameters less than or equal to 5.5 cm do rupture [ 11 ]. 

Figure 1.3: Transverse B-mode US images of the normal aorta and a large (>10cm) AAA. 

Ultrasound (US) is the most accurate, least expensive and easiest method for diagnosis of ab- 
dominal aortic aneurysm [12] and patients with AAAs are usually monitored with serial US 

scans. Some regions of the UK have screening programs for AAAs [13]. B-mode scanning 

in the transverse plane is used to measure the anterior-posterior diameter: the most important 

measurement for prognosis (figure 1.3). B-mode scanning in the longitudinal plane is also use- 

ful as it shows the relative dilation of the aneurysmal section compared to the healthy section 

of the aorta (figure 1.4). 

The exact cause of AAA is unknown. Risk factors for the disease include a history of atheroscle- 

rosis, current smoking and a close relative with AAA [14], but combinations of these factors 

increase the risk [15]. Although AAA can affect anyone it is most often seen in older men. A 

number of mechanisms are potential causes: atherosclerosis, wall stresses, vibratory forces (due 

to high frequency turbulent oscillations), enzyme imbalances, infection, congenital weakening 

of the connective tissue component of the artery wall, or rarely, trauma [16]. Once established, 

the risk of an aneurysm rupturing increases with its size. 

The wall of the aorta, like other arteries, consists of three layers: tunica intima, tunica media 

and tunica adventitia [17]. The intima is the innermost layer, and in the aorta, consists of a 

mono layer of endothelial cells and a subendothelial layer comprising connective tissue and 

axially oriented smooth muscle cells. The internal elastic lamina is a thin, perforated sheet of 

5 
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(a) (b) (c) 

(d) (e) (f) 

Figure 1.4: Longitudinal B-mode US images of AAAs. 

elastin, which separates the intima and the media. The media contains smooth muscle cells 

arranged in concentric layers with elastin and collagen as well as ground substance, in what are 

termed lamellar units. Surrounding the media is the adventitia, a poorly defined, dense layer of 

collagen fibers, elastin, nerves, fibroblasts and the vasa vasorum (blood supply). 

During the progression of aneurysmal disease the structure of the wall changes. The intima 

acquires mural thrombus, cholesterol and calcified lipid. Many of the smooth muscle cells in the 

media die [ 18] (volume fraction 2.2%, compared to 22.6% in healthy aorta [ 19]) and collagen 

and elastin fibres are broken. The structured lamellar units of the media in the aneurysmal wall 

are destroyed and there is a much lower elastin content (2.4 %) than in the healthy aortic wall 

(22.7 %). The collagen of the adventitia is replaced by a thicker layer of more structured and 

less pliable type I collagen. 

So, the histology suggests that abdominal aortic aneurysms result, at least in part, from damage 

to the elastin, and the elastic lamallae [ 17]. Based on animal studies, showing that elastase 

induced degradation of elastin resulted in dilation of the normal wall, it has been suggested that 

an initial insult may spark infiltration of inflammatory cells, which go on to induce secondary 

degradation of the elastin [17]. Matrix metalloproteinases (MMPs) are a group of enzymes 

which break down matrix macromolecules, such as elastin, which would otherwise be long 
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lasting. Many MMPs have been found in higher quantities in human aortic aneurysm tissue 

than in the normal aorta [20]. MMPs are produced in an inactive form by macrophages, they 

are then activated by plasmin [21] and can be blocked by specific inhibitors. The role of MMPs 

in AAA is complicated [22] but there is evidence that a combination of MMPs is required to 

produce aneurysms, in particular MMP-2 and MMP-9 [23] which break down elastin, as well as 

gelatin and several types of collagen. A careful combination of MMPs, plasmin, and inhibitors 

appears to be responsible for the formation of abdominal aortic aneurysm [24]. 

There are several theories for the cause of the initial injury which prompts the inflammatory 

response: 

Firstly, in the past, most wall degradation in abdominal aortic aneurysms has been attributed to 

atherosclerotic changes [25]. However, the relationship between aneurysm and atherosclerosis 
is unclear since aneurysms are often observed in patients without atherosclerotic disease [26] 

and aneurysms rarely form at sites of most severe plaque. Atherosclerosis is primarily a disease 

of the intimal layer while aneurysm is associated more with the media. Also, patients presenting 

with aneurysmal disease are usually older than those with atherosclerotic plaques (average ages 
70 years and 55 years respectively) [16]. In favour of an atherosclerotic initiation is the fact that 

the abdominal aorta is a common site for atherosclerosis, as well as aneurysm. The constitution 

of the aorta changes along its length with lower concentrations of both elastin and collagen 
in the distal compared to the proximal aorta. In addition, the infrarenal aorta has a lower 

collagen content than the suprarenal aorta [27]. The thickening of the intima, which is an early 

sign of atherosclerotic disease, has been related to the complexity of the flow in distal aorta. 

An endothelial cell response to disturbed flow, which leads to plaque development in some 

patients, could perhaps result in aneurysm in others, due to other effects. For example patients 

with aneurysms may have enlarged arteries, both longer and wider (arteriomegaly), and have 

a tendency to be taller and thinner [16]. In addition, many AAAs do contain atherosclerotic 

plaques and it has been suggested that wall thickening due to atherosclerosis may help prevent 

aortic expansion due to aneurysm [28]. 

A second theory for aneurysm initiation is related to wave reflections [25]. Branches in the 

arterial tree cause the propagating pressure wave to be partially reflected. The amplitude of 

the wave reflected from the aortic bifurcation depends on the relative diameters of the aorta 

and iliac arteries, as well as on their relative elasticities. If the aorta is wider, perhaps due to 

arteriomegaly, or the iliacs get narrower, possibly due to atherosclerotic plaques, the reflected 
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amplitude is larger [29]. The increased pressure in the distal aorta [30], resulting from the re- 
flection, may cause higher stresses in this region which could result in aneurysm. This wave 

reflection theory is usually associated with ageing [25]. The magnitude of the reflection coeffi- 

cient of the aortic bifurcation increases with age above about 40 years [31 ] due to generalized 

stiffening of the aorta and increasing tortosity and narrowing of the iliacs. When combined 

with the increased wave speed in older arteries (also due to stiffening), which shifts the re- 
flected pressure wave earlier in time relative to the forward wave, there may be an increase in 

the systolic pressure in the abdominal aorta. Assuming the increased pressure results in degen- 

eration in the artery, and subsequent permanent dilation, the area ratio is increased further and 
disease progression is enhanced [25]. 

Thirdly, as arteries age they generally get longer [32], as well as stiffer. The abdominal aorta 
is relatively unconstrained in the abdominal cavity and as its length increases bends and kinks 

may form. This tortuosity would change the haemodynamics within the lumen leading to re- 

gions of flow separation, and the resulting oscillatory and low flow regions which have been 

shown to be susceptible to atherosclerosis [25]. Alternatively, kinks and bends result in an un- 

even distribution of tissue stresses and potentially stress hot spots in which the elastin is more 
damaged [25]. Either of these effects, if severe enough, could possibly trigger an inflammatory 

response of the sort thought to be required for aneurysm formation. 

It is probable that aneurysm initiation is related to more than one of these theories and that these 

theories relate to the disease progression as well as initiation. All three theories consider the 

possible effects of changes in the forces on the aortic wall. In the following sections the effects 

of flow and tissue stresses on AAA are examined in more detail. 

1.2.1 Effect of Flow on AAA 

The effects of haemodynamics on abdominal aortic aneurysms can be grouped in to three main 

areas: effect of shear stress on the endothelial cells; effect of blood flow on delivery of cells to 

the wall; and effect of shear stress on platelets. The innermost layer of the aorta, the intima, 

is lined on the inside by a single layer of endothelial cells. These form a semi permeable 

barrier which protects the underlying artery but also allows substances to filter through [33]. 

Endothelial cells are usually flat and elongated in the direction of the blood flow and are linked 

to each other to enable communication. They can also communicate with the underlying smooth 

muscle cells [17]. The endothelial layer is anticoagulatory [33]. 
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Endothelial cells, or possibly the glycocalyx [34], are sensitive to both shear stress and tensile 

stress. Alteration of stress levels signals the cells to modify their production of autacoids, the 

most important of which are nitric oxide and prostaglandins [34]. These act on the smooth 

muscle cells and can cause them to tense, relax or multiply. In this way arterial diameter is 

regulated by the shear stress on the endothelial cells: increased shear stress leads to increased 

arterial diameter and reduced shear stress leads to reduced diameter. Another effect of reduced 

shear stress is thickening of the intima-medial layer, which may be a precursor to atheroscle- 

rotic disease. Shear stress levels of 1.0-1.5 Pa have been found to have a protective effect on 

endothelial cells in vitro but levels of about 0.4 Pa stimulate atherosclerosis [34]. As previously 
discussed atherosclerosis is a possible initiation for abdominal aortic aneurysm. 

Elevated WSS in the forward direction has been shown to increase endothelial cell and smooth 

muscle cell density in experimental AAA. [35]. One mechanism by which increased forward 

WSS may reduce AAA progression may be through increased activity of endothelial nitric 

oxide synthases (eNOS) and nitric oxide (NO) production in response to temporal shear stress 

gradients. Nitric oxide in turn decreases production of MCP-1 which reduces intimal monocyte 

binding. In support of this possibility is increased eNOS expression in high flow experimental 

AAA [36]. 

An intact endothelium is important to inflammatory response since injured endothelial cells 

and smooth muscle cells make and secrete regulatory proteins that attract white blood cells to 

the arterial wall [37]. The proliferation and migration of endothelial cells is mediated by shear 

stress [38]. Shear stress also limits adhesion of white cells and migration of white cells through 

the arterial wall [4,39]. 

Granulocyte macrophage colony stimulating factor (GM-CSF) is a protein produced by mono- 

cytes, fibroblasts, endothelial cells and smooth muscle cells which plays a vital role in stimu- 
lating blood stem cells to produce white cells and prolongs the life time of monocytes. Obser- 

vations of experimental AAA suggest that flow conditions may influence GM-CSF expression 

and release [40]. 

The deoxyribnucleic acid (DNA) binding protein nuclear factor-kappa beta (NF- KB) has been 

found to play a role in AAA pathogenesis. NF-KB regulates production of many pro-inflammatories, 
including MCP-1, partly via influences in flow conditions and WSS. In vitro studies have 

demonstrated that MCP-1 and PDGF-A (MCP-1 helps monocytes move about and PDGF-A 

9 



Introduction 

helps SMCs reproduce and move about) expression in endothelial cells was enhanced by the 

application of impulse flow (a pulse of flow resulting in a stress of 0.16 Pa for 3 s), as compared 

to steady or ramped flow, suggesting that temporal shear stress gradients, in addition to shear 

stresses, could be an important factor in the disease process [41]. 

As previously discussed, inflammation is an important aspect of aneurysmal disease which 

involves macrophages and lymphocyctes permeating the aneurysm wall. These cells initiate 

the process of elastin degeneration by MMPs. The cells are in the blood stream; they must 

migrate to the artery wall and infiltrate in order to cause the inflammatory response. Fluid 

dynamics is responsible for this migration by convection and once at the wall the shear stress 

on the cells will determine whether they adhere. 

Most aneurysms contain a layer of thrombus, or clotted blood, which lines the wall (figure 1.5). 

The role of the thrombus in aneurysm pathology is currently still under debate but it is thought 

to be an important aspect of the disease [42]. The thrombus consists of a fibrin structure incor- 

porating blood cells, platelets, blood proteins and cellular debris. The thrombus is a laminated 

structure which can be divided into three main layers: luminal, medial and abluminal [43]. The 

luminal layer is in continuous contact with the flowing blood and is constantly being renewed 
[44] which gives it a reddish colour [43]. The medial layer is white and the abluminal layer is 

brown [43]. The abluminal layer is composed of a loose network of degraded fibrin in which the 

components of the luminal layer can no longer be identified but dying neutrophils are present 
[44]. 

The build up of the thrombus layer is partially determined by the platelet deposition rate which 

is affected by several factors: the rate of arrival of platelets at the wall; the shear stress on the 

platelets at the wall; and the level of activation of the platelets. Blood platelet deposition in an in 

vitro model aneurysm was found to be enhanced by the aneurysm cavity [45]. Platelet adhesion 

increased along the aneurysm length to a maximum at the distal edge, which can be attributed 

to the enhanced convection of particles along the locally curved streamlines. However, in a rat 

model of AAA, uptake of an activated platelet marker was most intense in the upper part of 

the aneurysm [44]. In the model aneurysm, during turbulent flow, platelet deposition was more 

uniform along the aneurysm because platelets are deposited on the wall by random fluctuations 

[45]. 

If the shear stress at the wall is too high, platelets will be convected distally. However, in areas 
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Figure 1.5: Thrombus from aortic aneurysm. Note the layers on the exposed section. (Image 
obtained from The BioMed Image Archive, University of Bristol) 

of flow recirculation, such as in aneurysms, where there are areas of low wall shear stress, the 

stagnant blood beside the wall has time to clot [46,47]. 

Platelet aggregation is thought to be responsible for thrombus renewal [42]. To aggregate, 

platelets must be activated, and platelets exposed to high shear stresses become activated [32]. 

In simple aneurysm models there are regions of high shear stress between the forward flowing 

core and the reverse flow near the wall. The bulge of an aneurysm has also been found to 

promote turbulence which has inherently high shear stresses [32]. In a rat model, inhibition of 

platelet aggregation was shown to limit aortic aneurysm expansion [42]. 

Shear stresses exist throughout the artery wall, resulting from continuity of the WSS across the 

wall, and from local bending due to geometric irregularity. The effects of this shear stress have 

not been studied in nearly as much detail as the effects of shear stress on the surface, and yet 

vascular smooth muscle cells must experience shear stresses of the same order as the endothelial 

cells [17]. This shear stress is much smaller than the normal component but examples of its 

effects on smooth muscle cells have still been shown, including numerous consequences on 

gene expression, increased rate of proliferation with shear stress and alignment of cultured 

smooth muscle cells perpendicular to the flow (their in vivo orientation) [17]. The effects of 

shear stress through the wall of an aneurysm have not been investigated. 

In sununaiy, both the initiation and development of abdominal aortic aneurysm are influenced 
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by haemodynamics. Aneurysm initiation might be related to shear stress on the endothelium. 
Once a small aneurysm exists the endothelial cells are likely to direct its growth through their 

production of chemicals in response to shear stresses. The haemodynamic conditions influ- 

ence white blood cell concentrations in AAA which suggests that inflammation and therefore 

aneurysm progression are modulated by blood flow. The aggregation of platelets and growth 

of the thrombus is in part determined by shear stresses and flow streamlines. Hence, an under- 

standing of the haemodynamics involved is essential if this life threatening disease is to be fully 

comprehended. 

1.2.2 Effect of Tissue Stress on AAA 

Tissue stress in abdominal aortic aneurysms has mostly been studied in relation to the final 

outcome of the disease, that is aneurysm rupture. It is clear that for rupture to occur the local 

tissue stress must exceed the strength. Less obviously, it has been shown in vivo that aneurysm 

expansion is also associated with peak tissue stress [48] and there have been attempts to model 

the growth of different aneurysms [49], including AAA [50], according to the tissue stress. 

Much of the arterial wall consists of intricate networks of macromolecules which make up the 

extra-cellular matrix. The composition and structure of this matrix determine the artery's me- 

chanical properties. Elastin and collagen bear most of the load. At small strains elastin takes the 

load and gives rise to the artery's isotropic behaviour and at large deformations collagen takes 

over [50]. Collagen is stiffer than elastin but is bunched up, or corrugated, at physiological, 

arterial strains. As the strain increases more of the collagen fibres straighten out and start to 

hold the load and it is this collagen recruitment which gives the artery its nonlinear behaviour 

[17]. 

If the elastin begins to be degraded, as in the case of aneurysm, the collagen starts to bear some 

of the load at physiological strains. This in itself will lead to a dilation of the artery as the 

collagen must be stretched above its initial level to bear any load. Whilst elastin is a stable 

macromolecule with a long half life, collagen is in continual production and decay [50]. At 

increased wall stress collagen synthesis is enhanced and the wall thickens to reverse the stress 

increase [ 17]. When new collagen is produced it is thought to be synthesized either in its zero 

stress state [49], to allow for further recruitment at higher strains, or in a prestrained state [50], 

such that the current load is primarily borne by the remaining elastin. 
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Leung et al. [48] performed a finite-element study of wall stress in four patients over four 

years. They found that maximum computed stress in the aneurysm wall was related to the 

growth rate: those aneurysms with higher peak stress (above 350 kPa) had higher growth rates 
(0.73-1.1 mmlyear) than those with lower peak stresses (0-0.33 mm/year). 

The effects of cyclic stretching on vascular smooth muscle cells and endothelial cells are nu- 

merous. For example cyclic stretch has been shown to enhance proliferation of both cell types 

as well as promotion of elastin and collagen production. Macrophages under cyclic stretch were 
found to produce higher levels of MMP-9 [51]. 

Vorp et al. [51] investigated the levels of various immune response chemicals and products of 

genes associated with remodelling in samples of AAA tissue from regions of aneurysms which 
had either high or low stress levels as assessed by computational modelling. They found that 
in regions of high stress there was a more activated immune component (high levels of C3 and 
P-Selectin) and impaired remodelling mechanisms (low levels of endothelin-1 and collagen IV) 

compared to the regions of low stress. 

There have been many studies which have shown that peak stress in the aneurysm wall could 

predict rupture risk [52-56], probably better than the currently used maximum diameter [57, 

58]. These have used finite element modelling of the arterial wall in patient specific models 

produced from patient scans. However, the failure strength of aneurysm tissue varies both 

between patients [59,60] and within an individual patient [61,62]. A better indicator of rupture 

potential would be achieved if the strength of the aneurysm wall could be estimated in addition 

to the stress [63,64]. Vande Geest et al. [65] found that the strength of the wall could be 

estimated from four parameters: gender, family history, thickness of the intraluminal thrombus 

and normalized transverse diameter. 

In summary, high stress in the aneurysm wall leads to remodelling of the collagen component 
but too much stress may accentuate the inflammatory response and inhibit this remodelling. 
Growth of aneurysms is increased with high peak stress and if the stress exceeds the failure 

strength the aneurysm will rupture. Hence, knowledge of the tissue stresses in the aneurysm 

wall is vital if the progression of this disease is to be limited and the fatal outcome prevented. 
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1.2.3 Summary 

Abdominal aortic aneurysm is a potentially fatal disease about which there is still a lot to learn. 

The previous sections have shown the importance of, not only the tissue stresses within the 

aneurysm wall, but also the haemodynamics within the lumen, to the initiation, development 

and final outcome of this disease. This should have convinced the physical scientist reading 

this that they are a problem worthy of study by a physicist, but, in case the reader is still to 

be persuaded, it should be pointed out that Albert Einstein died of a ruptured abdominal aortic 

aneurysm in 1955 [66]. 

1.3 Measurement of Flaemodynamics and Tissue Stress 

In the previous sections what is known of the relationships between forces and biology in 

blood vessels, and in particular in abdominal aortic aneurysms, has been discussed. Knowledge 

of these relationships has only been possible because of detailed measurements of the forces 

involved. The following sections describe methods used for studying arterial flow and stress, 
both in vitro and in vivo, and what has been discovered about blood flow and tissue stress in 

AAAs. 

1.3.1 Measurement of Haemodynamics 

1.3.1.1 In Vitro Methods 

Flow Visualization If a transparent model of a blood vessel is constructed then the flow 

patterns in a transparent fluid can be seen by adding a contrasting material which follows the 

flow. There are many experimental fluid dynamics techniques based on this principle which 
have been used to study qualitative flow fields at numerous locations in the cardiovascular 

system. For example: particle tracking velocimetry has been used to study the flow downstream 

of an artificial heart valve in a model of the aortic root [67]; hydrogen bubbles have been used 

to study vortices in stenosed and normal carotid arteries [68]; photochromic lines have been 

used to examine the correlation between stenosis length and post stenotic turbulence [69], as 

well as the shear stress in a coronary artery [70]; and dye washout has been used to measure 

the residence times of blood in the aorta and renal branches [71]. 

14 



Introduction 

Laser Doppler Anemometry Laser Doppler Anemometry (LDA) uses the pattern of fringes 

produced by two interfering beams of laser light to measure the velocity of seed particles cross- 
ing the beams. Three components of the velocity can. be measured simultaneously at a point. 
LDA has been used to study velocity profiles in models of many anatomical sites including a 

radiocephalic arteriovenous fistula [72], the aorta [73] and simple AAAs [74]. 

Particle Image Velocimetry Particle Image Velocimetry (PIV) uses a sheet of laser light to 

illuminate seed particles with two flashes of light and a camera to capture the two images. By 

looking at how far groups of particles have moved between the two images a vector map of the 

velocities in the plane can be produced. PIV has been used by several groups to study flow in 

AAA models [75-79]. 

Others The in vivo techniques of ultrasound and magnetic resonance imaging, discussed in 

section 1.3.1.3, have also been used in vitro. Generally this is to assess the accuracy of the 

technique in conditions where the flow is known. Ultrasound flow phantoms such as straight 

tubes (see for example [80]) and simple stenosis models (for example [81]) have been developed 

for studying the accuracy of velocity measurements. There are also occasions when details of 

flow fields have been revealed with in vitro US phantoms. The effects of flow in different shaped 

stenoses on Doppler US signals has been examined with the aim of improving specificity of 

clinical diagnosis [82,83]. A feasibility study on the use of MRI for measuring the flow fields 

in intracranial aneurysms with an in vitro model revealed complex flow structures in the model 

which may be present in vivo [84]. 

1.3.1.2 In vitro studies on flow in the normal aorta 

In vitro fluid dynamics studies on the abdominal aorta have revealed the complicated nature of 

the blood flow in this vessel. Whilst flow in the upper (proximal) section is relatively simple, 

that in the lower (distal) section experiences some very complicated conditions. 

Flow in the section of the aorta proximal to the renal arteries, that is the suprarenal abdominal 

aorta, is generally forward throughout most of the cardiac cycle. The exceptions to this are: 

the formation of vortices at the level of the renal branches during systolic acceleration, which 

persist into systolic deceleration along with the formation of additional vortices on the posterior 

wall opposite the celiac and superior mesenteric branches [85]. Velocity profiles across the 

15 



Introduction 

suprarenal aorta are relatively flat and symmetrical in both the left - right and anterior - posterior 

directions [73]. The wall shear stress (WSS) is oriented in the same direction around the aorta 

in this region and the cycle averaged WSS is positive [86]. 

In contrast to the suprarenal section, flow in the infrarenal section of the aorta is more interest- 

ing. During systolic acceleration flow is almost all forwards with only the exception of small 

vortices below the renal arteries which spiral towards the centre of the vessel. During systolic 
deceleration a large flow separation zone forms at the posterior aortic wall. Three dimensional 

vortices formed in the iliac arteries are shed backwards, interfering with the separation zone to 

create complicated flow structures [85]. In the posterior section of the infrarenal aorta there is 

a slight skewing of the velocity profiles with the highest velocities located at the anterior wall. 
The skewing in the distal part of the infrarenal abdominal aorta is much more pronounced, es- 

pecially during diastole, with the highest retrograde velocities near the posterior wall [73]. This 

corresponds with the flow separation zone which also results in a negative mean WSS on the 

posterior wall [86]. Radial velocities in both the suprarenal and proximal infrarenal sections 

of the aorta are small. In the distal section they are small during sytole but increase during 

diastole [73]. The greatest retrograde WSS in the distal section occurs on the lateral walls. 

The triphasic waveform, the reversed bifurcation during retrograde flow, and the different or- 

thogonal planes of curvature all contribute to the complicated flow structures seen at rest in the 

infrarenal abdominal aorta [85]. 

At the aortic bifurcation there is flow separation at the lateral walls during systolic deceleration 

and reverse flow during diastole [85]. 

Under exercise conditions there is a smaller amount of reverse flow, explained by the larger 

steady component in the flow wave [85]. The velocity profiles are more highly skewed [73] 

and helical structures form below the renal arteries. These effects are explained by the higher 

Dean number ([87] and section 1.4.1.3) in the faster flow conditions [85]. The smaller amount 

of reverse flow has a corresponding reduction in shear stress reversal and the oscillatory shear 

index (OSI) ([86] and section 2.2.5) is much lower [86]. 

These fluid dynamical findings of more complicated flow conditions in the infrarenal aorta 

are reflected clinically in the greater incidence of atherosclerosis in the distal section. Intimal 

thickness correlates with OSI and the length of time in the cardiac cycle with reverse flow. 

There is also a negative correlation with the mean WSS [86]. 
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1.3.1.3 In Vivo Methods 

The in vitro methods rely largely on transparent models and transparent blood mimicking fluids. 

While there are some occasions when they can be used in vivo, see, for example, the work of 
Vennemann et al. [88] on blood flow in embryonic bird hearts, in general other methods are 

required. 

Invasive Techniques The methods described in this section require either that a probe be 

inserted into a vessel or that a device is positioned around a vessel. Both of these involve 

surgical interventions and carry the associated risks and unpleasantness. In addition probes 
inside vessels disturb the blood flow. 

Hot-Film Anemometry As blood flows past an electrical resistor it is cooled causing the 

resistance to change [32]. By measuring the voltage required to maintain a constant temperature 

the velocity of blood near the tip can be determined. The hot-film anemometer has a high 

frequency response and has been used to measure velocity fluctuations up to 1000 Hz; for this 

reason it has been used in the study of turbulent blood flow. It has also been used to measure 

velocity profiles across a vessel. 

Electromagnetic Flow Meter Blood is a conductor, if it moves perpendicular to a magnetic 
field a voltage is generated across the blood vessel, and perpendicular to the magnetic field 

[32]. If the magnet is in a cuff outside the blood vessel the voltage across the whole vessel, 

perpendicular to the magnetic field, can be measured and used to determine the mean velocity 

within the blood vessel. The electromagnetic flow meter can also be built into a catheter tip 

[89] and inserted into the artery, which negates the need for exposing the blood vessel. This 

type of catheter tip electromagnetic flow meter has been used to measure the velocities in the 

aorta and its branches [90]. 

Ultrasonic Flow Meter Like electromagnetic flow meters, ultrasonic flow meters take the 

form of both cuffs and catheters [32]. There are two ways of using ultrasound to measure 

velocity: transit times and the Doppler effect. Transit time flow meters exploit the fact that 

the speed of sound is faster in the direction of the flow than against it. Transducers are placed 

on either side of the blood vessel, one downstream of the other. The difference between the 
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time taken to travel from transducer A to B and the time taken to travel from B to A is used 
to calculate the velocity. Doppler flow meters use the erythrocytes as scatterers and calculate 
their velocity from the frequency shift in the scattered ultrasound compared to the incident 

ultrasound. 

X-ray Angiography An iodine-containing contrast agent is injected into the blood vessels 

and x-ray images are recorded as the the contrast bolus flows through the vessels and washes 

out. The images are digital and by subtracting a pre-contrast image from the subsequent post- 

contrast images the background can be removed [91]. The velocity of the contrast bolus through 

the vasculature, as determined from the timing of the images, can be used to calculate the blood 

velocity [92]. 

Non-Invasive Techniques These are techniques which can be used without putting devices 
inside the body. They do not affect the blood flow. 

Doppler Ultrasound Transcutaneous Doppler ultrasound (US) uses the same principle as the 
Doppler US flow meter. The frequency shift in the US scattered by erythrocytes in the blood, 

as compared with the incident US, is used to calculate the blood velocity (figure 1.6): 

CJD 
V= 

2feCOS8 (1.1) 

where the Doppler shift, fD, is given by the difference in the incident and scattered frequencies, 

fD = fS - fe, c is the speed of sound and 0 is the angle between the beam and the direction of 
blood flow. 

transducer 

emitted beam: f, c 

scattered beam: f8, c 

4& 1 blood vessel 

cell: v 

Figure 1.6: Ultrasonic measurement of blood velocity. 
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Modern clinical US uses pulses of sound rather than a continuous beam, in order to acquire 
depth information. Typically a pulse lasts for just 2 to 3 cycles which is not long enough to 

accurately measure its frequency. Instead the difference in the phases of successive returned 

pulses is used to calculate the frequency shift [93]. Motion of the blood perpendicular to the 

beam results in decorrelation of the signal over time. 

The returned US signal actually consists of a range of frequencies, firstly, because the short 

pulse has a wide bandwidth and, secondly, because in reality there are many scatterers each 

with a slightly different velocity. 

The two most popular methods of displaying the velocity data employed on current clinical 

scanners are spectral Doppler and colour flow. Spectral Doppler displays a graph of the chang- 
ing frequency shift in the signal received from one sample volume with time. The whole fre- 

quency spectrum is displayed with the intensity of the signal at each frequency represented by 

the brightness (figure 1.7(a)). The colour flow image depicts the velocities in a whole section 

of the field of view. None of the spectral information is obtained, instead a fast estimate of 

the mean velocity and deviation in each sample volume is obtained using an auto or cross- 

correlation based method [94). The mean velocity is then displayed in colour, overlayed on the 

grayscale B-mode image (figure 1.7(b)). 

Figure 1.7: Ultrasonic measurement of blood velocity in the normal aorta. 

A transducer converts the electrical signal to sound using a piezoelectric material. Different 

transducers are used for different applications: in abdominal US a curvilinear probe is most 

often used. This gives an increasing field of view with depth. The large depths needed for 
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examining the abdomen require low frequencies and around 2.5 MHz is typical. 

Vieh et al. [95] used Doppler US to study anterior-posterior velocity profiles in the normal ab- 

dominal aorta. The profile was blunted and approximately symmetrical during the forward flow 

phase whereas during reverse flow the fastest velocities were found on the posterior side. This 

agrees with the in vitro results of authors such as Pedersen et al. [73], who found the highest 

retrograde velocities in their aortic model to be near the posterior wall due to a recirculation 

zone during diastole. 

Phase-Contrast Magnetic Resonance Imaging Magnetic Resonance Imaging (MRI) can be 

used in a variety of ways to examine blood flow. When a pulse sequence which has a finite 

duration and a spatial variation is applied, the magnetic moments (spins) in the blood will 

experience the sequence differently to those spins in the surrounding tissue because those in the 

blood move as the sequence progresses. The two main groups of methods for flow measurement 

use either differences in the phase of the transverse magnetization of the spins (phase-contrast) 

or differences in the magnitude of their transverse magnetization (modulus-contrast) [96]. Both 

of these can be used for viewing blood vessels, as in angiography, as well as for quantitative 

flow imaging. Phase-contrast imaging is discussed here as it is the most widely used method 

and was used in this thesis. 

magnetic gradient magnetic gradient 

(a) t=0 (b) t-T 

Figure 1.8: Velocity measurement using phase contrast MRI (adapted from similar figures in 
[97]). 

Spins moving along a magnetic field gradient acquire a phase shift in comparison to stationary 

tissue and this phase shift is proportional to their velocity (figure 1.8(a)). At time t=Ta second 
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gradient in the opposite direction is applied which cancels the phase shifts in the stationary 

tissue (figure 1.8(b)). The phase difference remaining is used for a voxelwise calculation of the 

velocity. By applying gradients in all three directions the three components of velocity can be 

determined. Since a phase shift can only be in the range - 180 to + 180° the range of velocities 

that can be measured is limited. The velocity encoding, VQ7c, of the pulse sequence must be 

tuned so that a phase shift of 180° corresponds to the maximum velocity present [97]. 

MRI data is collected in k-space (frequency domain) and the image is then obtained by a 2D 

inverse Fourier transform [91 ]. The signal, as a function of time, is given by tracing a trajec- 

tory in k-space, with the trajectory vector proportional to the position encoding magnetic field 

gradient [91]. Since it takes a finite time to move through k-space, about one line of k-space 

can be collected per cardiac cycle, and many cardiac cycles are required to sample the whole k- 

space. This requires that the pulse sequence be gated. Gating can be done either prospectively, 
in which case the data acquisition is started by a trigger signal, or retrospectively, meaning that 

the data is acquired continuously and during image reconstruction the trigger signals are used 

to split the data [97]. 

Figure 1.9 shows the measurement of velocity within the aorta using phase-contrast MRL The 

magnitude image (figure 1.9(a)) shows the anatomy. The phase data from the area of the high- 

lighted rectangle has been used to calculate the velocity perpendicular to the slice (z-direction) 

and this is shown in figure 1.9(b). 

(b) velocity obtained from phase data 

Figure 1.9: Phase contrast MRI measurement ofz-component of velocity in the aorta. 

Oyre et al. [98] used phase-contrast MRI to look at WSS in the normal aorta. WSS was lower 

in the infrarenal aorta compared to that in the suprarenal aorta whereas OSI was higher in the 
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infrarenal aorta. WSS in the suprarenal aorta was similar at both the anterior and posterior. In 

the infrarenal aorta mean WSS was highest on the anterior, as was the maximum forward WSS, 

whereas the maximum retrograde WSS and the highest OSI were both found on the posterior, 

which is consistent with in vitro studies [73,85] and in vivo Doppler US results [95]. However, 

in the suprarenal aorta they found a higher OSI on the anterior wall than the posterior which 
is in contradiction to the in vitro study of Pedersen et al. [73] who found the WSS in the 

suprarenal aorta was invariant with circumferential position. This difference is most likely due 

to the shape of the model which had no curvature in the suprarenal portion unlike the real aorta. 

Phase contrast MRI was also used by Taylor et al. [99] and Cheng et al. [100] to study flow 

and WSS in the abdominal aorta during rest and exercise. The resting OSI in older subjects 
(aged 50 - 70 years) was more than double that of younger subjects (aged 20 -28) in both the 

supraceliac and infrarenal sections of the aorta. However, they found that exercise conditions 

reduced the OSI to zero in both younger and older subjects. 

1.3.2 Measurement of Tissue Stresses 

Stress is defined as a force acting over an oriented area and therefore in order to measure a 

stress, the applied force and the area are required. In measurements on excised tissues, for 

example in load cells, it is possible (though perhaps nontrivial) to measure the cross-sectional 

area of the the tissue sample, and to measure the force used to stretch the sample and in this 

way to measure the stress within. In vivo loads are applied in three dimensions and on whole 

organs. To measure the stress is then more complicated and a model of the organ, blood vessel, 
is required. The model may be as simple as a straight tube for an artery but still, a calculation 
is required to relate the applied load and the area to the stress within the tissue. The accuracy 

of the stress estimation is then dependent on the many factors involved in modelling the vessel. 

Since it is difficult to measure stresses within tissues in vivo a common approach has been 

to measure strains instead using imaging techniques. Assuming a homogeneous tissue region, 

areas with high strain will also experience high stress and the strain field can be used to produce 

a qualitative stress field. The stress field can be made more quantitative with knowledge of the 

constitutive relationship, that it the relationship between strain and stress, for that tissue. 

The following sections describe how imaging techniques have been used to measure strains, 

stresses and the elastic properties of tissues. Details of stress estimations using modelling or 
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calculation are described later. 

1.3.2.1 Ultrasound 

Estimation of strain fields with ultrasound has been accomplished via two methods: tissue 

Doppler imaging and elastography. Tissue Doppler Imaging (TDI) uses the Doppler signal from 

moving tissue to calculate its velocity [ 101 ]. In the heart a strain image can then be calculated 
from the velocity gradient between two points in a block of tissue [ 102] but strain imaging with 
TDI has not been used for arteries. Elastography works by cross-correlating regions within 
two images obtained at different times to give displacement vectors for each of the regions. 
From these the strain image, or elastogram, can be calculated. Arterial elastography is usually 

performed using intravascular US (IVUS) [103], which has a higher spatial resolution than 

transcutaneous US, and can identify atherosclerotic plaques. 

As well as calculating strain fields in arterial cross-sections, which aim to give the strain at each 
location, US can be used to calculate properties averaged over the whole circumference. TDI 

can be used to measure arterial distension by integration of the instantaneous velocity measure- 

ments [104]. Arterial wall motion cannot provide strain information directly but knowledge 

of the distension can infer qualitative information about the strain and stress within the wall 

tissue. The pressure-strain elastic modulus, defined as Ep = 6p/(3d/d), where Sp is the pulse 

pressure, 3d the change in diameter and d the diameter, has often been used as a measure of 

wall elasticity because it does not require the wall thickness [105]. Therefore it can be mea- 

sured quite precisely with B-mode imaging or the M-mode trace, or in principle with TDI. 

Progression from the Ep, the pressure-strain elastic modulus, to Ey, Young's modulus, requires 

a measurement of arterial thickness, which increases the error, especially as the thickness of 

many arteries is only comparable with transcutaneous US resolution [105]. 

Pulse wave velocity (PWV) is an indirect measure of the elasticity of a whole artery, or long 

section of an artery, which can be derived by measuring the transit time of the flow wave, or 
distension wave, between two points in the artery. This can be accomplished using two synchro- 

nized US systems measuring either the velocity wave with spectral Doppler or the distension 

wave [105]. Then, E, = 2pc2 where p is the density of blood and c is the PWV [105]. 

23 



Introduction 

1.3.2.2 MRI 

Like US, MRI can be used to measure local, cross-sectional and regional properties. Strain 

fields have been measured using phase-contrast MRI. The wall velocity is measured, in the 

same way as blood velocities, and if a cross-sectional image of the wall is divided into a number 

of segments, the velocities of each of these segments can determined. Then the circumferential 

strain between the segments can be found [106]. 

The average compliance around an arterial cross-section has been found. An automatic method 

was used to find the wall at each time step and then the enclosed area was measured. By 

dividing the change in area by the change in pressure the compliance of that cross-section was 
determined [107]. 

PWV can also be measured with MRI and used to determine the regional elasticity of the vessel. 
This can be done by measuring the change in area of an artery throughout the cardiac cycle at 
two locations [ 108]. 

1.3.3 Measurements in Abdominal Aortic Aneurysms 

1.3.3.1 Haemodynamics 

In vitro studies on aneurysms, or bulged tubes, can be divided into different types: rigid or 

compliant models; cylindrically symmetric or asymmetric models; and steady or `pulsatile' 

flow. 

The earlier flow studies looked at steady flow in rigid, axisymmetric bulged tubes [109-111]. 

Flow through an axisymmetric aneurysm model comprises a jet passing directly through the 

centre and a slowly recirculating, toroidal vortex within the bulge (figure 1.10). The centre of 

the vortex is located in the distal half of the model; the precise position depends on the model 

shape and the flow rate. 

Pressure is greatest at the midpoint of the bulge because, as the cross-sectional area increases, 

the velocity decreases to maintain the same flow rate, and kinetic energy is converted to poten- 

tial energy (Bernoulli's principle). The maximum pressure increases with aneurysm diameter. 

Energy conversion from kinetic to potential in the expansion region is inefficient since it results 

in flow separation and the formation of vortices, and therefore viscous dissipation of energy. In 

the contraction region energy conversion from potential back to kinetic is more efficient, and 
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hence pressure is lower after the aneurysm than before. 

With laminar flow the WSS in the bulge is in the opposite direction to that in the entrance 

and exit tubes and is an order of magnitude smaller. WSS peaks at the distal end near the 

reattachment point. 

Figure 1.10: Steady flow in an axisymmetric bulged tube. Re = 1000 

Peattie et al. [ 110] found that flow was intermittently turbulent for Re ([ 112] and section 
1.4.1.3) between 1750 and 2250 and fully turbulent Re over 2250, while Budwig et al. [109] 

found Re between 2000 and 2500 gave intermittent turbulence. The geometry of the bulged 

tube was found to encourage turbulence to develop and flow in the larger aneurysm models was 
turbulent at lower Re than that in smaller aneurysm models. With turbulence the flow pattern 

changed: the recirculation vortex broke down and the fast core spread outwards as it moved 

towards the aneurysm exit, completely filling the distal half of the bulge. In the presence of 

turbulence the WSS in the bulge was comparable to that in the entrance tube [ 109]. 

Pulsatile flow through rigid axisymmetric models has been studied by a number of groups 
[74,76,113,114]. In contrast to steady flow, during pulsatile flow the toroidal vortices are 

present only intermittently depending on the phase of the flow cycle (figure 1.11). The strength, 

position and even number of toroidal vortices depends on the flow waveform used. 

Yu et al. [76] looked at sinusoidal flow with a steady offset. The vortex started to develop 

at the proximal end of the aneurysm bulge as the acceleration of the flow decreased before 

the velocity reached its maximum. After the flow rate peaked and the flow decelerated, the 

strength of the vortex increased and it moved downstream, towards the centre of the bulge. 

With further deceleration the vortex moved to the distal end of the bulge. As the flow began 

to accelerate again the vortex decayed rapidly. Increasing a, the Womersley number ({32] 
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Figure 1.11: Pulsatile flow in an axisymmetric bulged tube. 

and section 1.4.1,3), resulted in stronger vortices. They found the peak WSS to be larger with 

pulsatile flow than with steady flow. When Yu et al. [113] used a physiological flow wave 

an additional vortex formed near the entrance to the bulge and on increasing the flow wave 

to give exercise conditions, three vortices were present during diastole. Salsac et al. [79] 

performed a comprehensive study on the variation of WSS with aneurysm size. They found that 

flow separation occurred even in their model with the smallest ratio of bulge diameter to tube 

diameter, D/d = 1.3. The mean WSS magnitude decreased with dilation ratio. The proximal 
half of the aneurysms experienced oscillatory WSS with very low and negative mean WSS. 

Very large WSS gradients were found at the location and time of flow separation. The region 

of flow reattachment was characterized by large negative WSS and sustained WSS gradients. 

In asymmetric aneurysms the vortices are weaker than those in symmetric aneurysms and do 

not form complete tori [74]. 

Flow in compliant aneurysms has been studied by Deplano et al. [75]. They found that the 

main effect of having compliant walls was that the walls absorbed kinetic energy during systole 

which was emitted during diastole. This meant that larger vortices were formed and these 

vortices lasted throughout the cardiac cycle, unlike the ones in their rigid walled model, and 
impacted on the distal wall of the aneurysm at the start of the subsequent cardiac cycle. During 

exercise conditions the vortices were larger, and moved down the aneurysm faster, to impact on 

Re = 1000 
ma 

a=22 
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the distal wall within the same cardiac cycle. 

In clinical practice velocity measurement contributes little to the the assessment of AAAs [12] 

and so there have been few in vivo studies of flow in AAAs. Bluth et al. [115] used colour flow 

imaging to study 15 aneurysms. They found two distinct patterns of blood flow: the first was 

smooth and laminar and in the second the blood circulated within the aneurysm. There was no 

difference in either aneurysm or lumen diameter between these two groups, however, they note 

that those with the circuitous pattern had a higher ratio of thrombus to sack volume. Colour 

Doppler US images of flow in AAA phantoms have been compared with LDA measurements 

and it was found that recirculating flow in the aneurysm bulge was too slow to be imaged with 

the colour Doppler [ 116]. 

1.3.3.2 Tissue Stresses 

Local, cross-sectional and regional techniques have all been used to look at the material char- 

acteristics of abdominal aortic aneurysms. Brekken et al. [117] measured the strain in the 

aneurysm wall using B-mode US. They manually placed a contour around the wall of the aorta 

and then automatically tracked its motion through the cardiac cycle by cross-correlation of the 

intensity pattern. The intensity information along the circumferential line was then extracted to 

form an M-mode image and the circumferential strains were then obtained by cross-correlating 

sections in successive times. They report that the local strain can be significantly greater than 

the circumferentially averaged strain. 

Distensibility [118,119], pressure-strain elastic modulus [118], Young's modulus [118] and 

compliance [ 120,121 ], for cross-sections of the aneurysm, have all been measured in patients 

with aortic aneurysm using different US modalities. Koullias et al. [119] found that aortic dis- 

tensibility decreased with aneurysm size while Wilson et al. found that although large aneurysm 

are generally stiffer [122], AAAs which ruptured or required operation were more compliant 

than those, of the same maximum diameter, that remained stable [123]. 

PTV has also been measured in one patient with AAA using MRI to look at vessel area, 

showing that this technique can still be applied when there is localized aortic dilation [108]. 
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1.3.4 Summary 

There are a wide variety of techniques for measuring fluid velocities experimentally but in gen- 

eral these are unsuitable for measuring blood flow in arteries. The techniques of Doppler US 

and phase-contrast MRI are the most useful for looking at blood flow in vivo. Much has been 

learnt about blood flow in the normal and aneurysmal aortas from measurements in models and 
in vivo. Blood flow in the infrarenal section of the aorta, where most AAAs occur, is compli- 

cated by its curvature, by vortices and helical flow induced by the renal branches, by reflections 
from the aortic bifurcation and by the considerable amount of reverse flow. Flow in model 

aneurysms consists of toroidal vortices which are formed at the proximal end of the aneurysm 

and move distally over the course of cardiac cycle. There have been very few measurements of 
haemodynamics in AAAs in vivo. 

Tissue stress cannot be measured in vivo but measurement of tissue strain can provide clinically 

useful results. For example local circumferential strains can greatly exceed average strains in 

AAAs. Measurements of tissue motion when combined with pressure measurements can be 

used to obtain parameters representative of tissue properties such as compliance and pressure- 

strain elastic modulus. Large aneurysms are generally less distensible than smaller ones and 

compliance in larger aneurysms may be an indicator of high rupture risk. 

1.4 Calculations of Haemodynamics and Tissue Stress 

The previous section discussed the current knowledge on haemodynamics and tissue stresses in 

the normal aorta and in abdominal aortic aneurysm as obtained from measurements both in vivo 

and in vitro. Aneurysm phantoms have provided great insight into the general characteristics of 

pulsatile flow in bulged tubes with a range of shapes and have revealed the flow fields within 
in detail. However, real aneurysms have much more complicated shapes than the models and 

are different in every patient. By measuring the flow in vivo with either Doppler US or MRI it 

is possible to find the correct flow in the patient's aneurysm. Of these two techniques however, 

only MRI is capable of providing the full 3D velocity field, but its limited spatial resolution 
leads to underestimates of the wall shear rate [34]. 

Measurements of tissue motion have provided some information about the strains in vascular 
tissues and in aneurysms in particular. However, stress cannot be measured directly in vivo and 

at least a simple model of the artery is required in order to calculate the stress within. 
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When making measurements in vivo the situation is known to be correct. The arterial geometry, 

flow and pressure are all as they should be and ̀ complications' such as wave reflections, spiral 

flow and tissue motion are all, by necessity, included. However, by making models it is possible 

to remove some of these elements and simplify the situation. In this way the importance of 

different features can be explored and their interactions determined. Phantoms, or in vitro 

models, are useful in this respect but computational models are even better. Their parameters 

are fully under control and can be adjusted independently. 

This section describes how haemodynamics and tissue stresses can be calculated in simplified 

arteries and in patient specific geometries. 

1.4.1 Calculation of Blood Flow 

Depending on the parameters which are required different types of models can be used for 

calculating blood flow. OD and 1D models relate pressure and flow waves in simple models 

of the arterial tree or specific sections. For some simple tubes the flow field can be solved 

analytically, while in order to obtain the detailed flow field in a 3D artery, numerical simulation 

is required. 

1.4.1.1 OD Models 

Lumped parameter models take the properties of the whole vascular system, or the interesting 

section of the system, and `lump' them together into a few parameters. The complex vascular 

structure is ignored and the network is replaced by a single tube having the properties of the 

whole system [124]. Viscous dissipation is treated as resistance, compliance of the vessels is 

accounted for by capacitors and fluid inertia is handled as inductance. There is then an analogy 

between the mechanical system of fluid filled tubes and a system of electrical components [ 125]. 

The simplest lumped parameter model is the Windkessel: a resistor and a capacitor in parallel. 

In the 1950s studies of haemodynamics were based on treating the whole arterial system as a 

Windkessel chamber into which blood from the heart was pumped [32]. This model was used 

for calculating the stroke volume of the heart. 

Lumped parameter models have been used effectively in, for example: investigating the inter- 

action of the heart and the arteries, including assessing the relationship between stroke volume 

and pulse pressure, and showing that the effective arterial stiffness is determined by peripheral 
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resistance and heart rate, rather than by the actual stiffness of the arteries [126]; and in mod- 

elling the coronary circulation including the effect of myocardial contraction which has been 

shown to produce a back pressure which causes reverse flow during systole and forward flow in 

diastole [124]. Wolters et al. [127] investigated endoleaks in endovascularly repaired abdom- 
inal aortic aneurysms using a lumped parameter model. They also made an in vitro aneurysm 

with endoleak and results from that and the lumped parameter model agreed well. 

One intrinsic disadvantage of lumped parameter models is that they provide no information 

about the spatial variation in pressure or flow waves. Distributed models, such as the one by 

Avolio [128], consider each arterial segment as a transmission line, with resistance, capacitance 

and inductance, and all the segments connected to form the arterial tree. Distributed models can 
be used to study wave propagation, reflections and damping [129]. A similar model was used 
by Stroev et al. [130] and predicted that wall shear rate varied throughout the arterial tree. 

1.4.1.2 1D Models 

The alternatives to models based on electrical analogies involve solving the Navier-Stokes equa- 

tions in one dimension. A straight section of artery is approximated as a cylindrical compliant 

tube in which [ 131 ]: all quantities are axially symmetric; the wall only displaces radially; the 

axis of the tube cannot move; the pressure on a cross-section is a constant; there are no exter- 

nal forces; and the axial velocity is much bigger than any orthogonal components so these can 
be ignored. The Navier-Stokes equations can then be solved in a number of different ways to 

create a1D model [ 131 ]. Olufsen et al. [ 132] created a1D Navier-Stokes model of the whole 

arterial system. The larger arteries were modelled physiologically with parameters based on 

measurements of length and diameter obtained from one subject where possible and the rest 

obtained from the literature and adjusted to match the flow measured using MRI. The smaller 

arteries were modelled as an asymmetric fractal tree based on geometrical relationships. Flow 

results from their model agreed well with the MRI measurements. 

1.4.1.3 Tubes 

Poiseuille studied the flow of water in glass capillary tubes and published his results in 1846. 

He found that the flow in the tube was proportional to the pressure gradient and the fourth 

power of the tube's diameter. This result was later derived independently by Wiedemann in 
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1856, and by Hagenbach in 1860, who produced the result that is now commonly referred to as 

Poiseuille's equation [32] : 
icR4 (Pi - P2 ) 

Q gµL (1.2) 

where Q is the flow rate, R the radius, (P1 - P2) the pressure difference, ,u the viscosity and L 

the length. The velocity profile is found to be a parabola [32]: 

v= 
P4-L2R2(1_r2) 

1.3) 

where v is the velocity and r is the radial location as a fraction of the tube radius R. The 

characteristics of steady flow are described by the Reynolds number (Re = 2p VR/ p, where p 
is the density and V is the velocity) which is the ratio of inertial to viscous forces. In a tube the 

transition from laminar to turbulent flow typically occurs at about Re = 2300. 
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Figure 1.12: Flow and velocity profiles for blood flowing in a tube with radius typical of that 
of the aorta (1.11 cm) and a flow wave typical of patients with AAA 

Although Poiseuille's equation may be applicable in some veins, blood flow in the arteries is 

pulsatile so it cannot be applied there. Womersley solved the equation of motion for a viscous 
fluid with an oscillatory pressure gradient (dTP- = Akeicot) and found the velocity profile [32]: 

_ 
AkR2 Jo {aria/2} 

lwt Vk iµa2 Jo (ai3/2) e (1.4) 

where aR ((O/v)1/2 is the Womersley number, a non-dimensional parameter characterizing 
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the ratio of oscillatory to viscous components and Jo is a zeroth order Bessel function of the 

first kind. 

The individual components can be calculated from the pressure gradient using a Fourier trans- 

form: 
N 

Ak - ý, a(j)e(J-1)(k-1)(-27ci)/N 
j=1 

(1.5) 

where a(j) is the measured pressure gradient discretized with N samples and Ak is the kth 

frequency component of the pressure gradient. The Womersley equation can then be used to 

calculate a velocity profile for each component of the pressure wave and these can be summed 

to give the complete velocity profile for flow in the long, straight, cylindrical tube: 

N 

V= 
IVk 

k=l 
(1.6) 

An example of velocity profiles calculated using Womersley's solution is shown in figure 1.12. 

Flow in curved tubes is significantly more complicated than the flow in straight tubes [87]. 

In the entrance region, before the boundary layer has formed, the profile develops such that 

the velocity is highest on the inner wall and lowest on the outer wall and depends only on r 
(figure 1.13). Further downstream the boundary layer expands due to the viscous forces and 

the velocity profile is dependent on the azimuthal position with the fastest flow making a `C' 

shape at the outer wall. The secondary flow consists of two counter rotating vortices. In curved 

tubes there are two important non-dimensional parameters: ö= R/Ro (where RO is the radius 

of curvature) describes the curvature of the tube and the Dean number is = 81/2Re which is the 

ratio of the square root of the product of the inertial and centrifugal forces to the viscous force. 

For small curvature (S << 1) only the Dean number needs to be considered. 

Figure 1.13: Velocity profiles in the entry and fully developed regions of a curved tube. (Axial 
velocity - blue, secondary flow - red. ) 
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1.4.1.4 3D Arteries 

Conservation of mass, momentum and energy governs fluid flow. By accounting for surface 

and body forces on a fluid element, and assuming the viscous forces are proportional to the rate 

of deformation the Navier-Stokes equations for a Newtonian fluid can be derived [133]. These 

are: 

x momentum: 

y momentum: 

z momentum: 

Du dp 
PD _-ax+Q-(gvu)+smx (1.7) 

Dv ap PD =-ay+V'(! �v)+SMy (1.8) 

Dw dp 
PDt =-w+V'(/Vw)+SMz (1.9) 

u, v and w are the x, y and z components of the velocity vector v, and SM are the source terms. 

Along with the continuity equation, 

continuity: 
a ä+V 

- (PV) -0 (1.10) 

the Navier-Stokes equations are the fundamental equations governing fluid flow, but their non- 

linearity prevents them from being solved directly in all but the simplest of tubes. Computa- 

tional fluid dynamics (CFD) techniques solve the full Navier-Stokes equations by discretizing 

them. The finite volume method is a type of finite difference discretization which involves 

dividing the domain into many control volumes, integration of the equations over all of the 

volumes, conversion of the resulting integral equations into algebraic equations and solving the 

algebraic equations iteratively [133]. 

There are many arteries for which the flow has been calculated using CFD [134]. A popular site 

is the carotid bifurcation where the application of CFD has provided a wealth of information on 

velocity and wall shear stress which has aided research into atherosclerosis and bypass grafts 

[135-137]. The aorta has also been investigated quite extensively. Studies of the effect of the 

aortic arch on skewing of the velocity profiles throughout the cardiac cycle showed that in the 

ascending aorta the velocity profile is skewed towards the inner bend, whilst by the apex the 

skew has shifted to the outer wall and the effects of the arch on the descending thoracic aorta 
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are minimal [ 138,139]. The wall shear stress distribution in the aortic bifurcation has been 

examined [140]. The geometry of the abdominal aorta induces flow reversal and oscillatory 

shear stress on the posterior side [141] which are greatly reduced during exercise [99]. CFD 

has also been used for predicting additional parameters of interest biologically such as residence 

times [142], particle deposition [143] and mass transfer (exchange of substances between blood 

and artery) [ 144]. 

Compared with experimental studies, numerical investigations have many advantages, for ex- 

ample parameters are easily varied to consider their individual effects and less specialist equip- 

ment (for example pumps, phantoms and lasers) is required. However, computational studies 

cannot stand alone. Patient specific investigations require velocity and pressure data as bound- 

ary conditions, and most importantly, computational results need to be validated. Validation 

could be against the analytical solution for the problem, for example the Poiseuille [145] or 
Womersley [134] equations, which have already been described, or alternatively against em- 

pirical results. Many of the in vitro measurement methods described earlier have been used in 

anatomical models for comparison with numerical simulation. Good qualitative and quantita- 

tive agreement between numerical and LDA results was found in a model of an anastomosis 
[ 146]. In models of AAA Yu et al. [ 113] found good agreement between simulation and PIV re- 

sults except at the upstream end of the bulge near the beginning of the cycle. They attribute this 

to the sensitivity of the circulating flow to the impingement of the vortices downstream. Com- 

parison of CFD and MRI has particular interest from a physiological perspective since MRI 

can also be used in vivo. In a study of flow through aU bend Glor et al. [145] found excellent 

agreement between their numerical results and MRI measurements. They found that having 

the correct flow rate at the inlet improved the CFD-MRI match and achieved this by scaling 

the inlet velocity profile by the flow rate measured using a flow meter. Validation of numerical 

results against in vivo measurements is more challenging since experiments are more difficult 

to control and precise measurements are difficult to acquire [134]. Long et al. [147] compared 

in vivo MRI measurements with simulation of flow in an aortic bifurcation. They compared 

the results on a plane through the aorta since MRI is subject to uncertainties in complex flow 

regions such as the vicinity of the bifurcation which creates recirculation and secondary flow. 

On this plane the velocities agreed qualitatively and differed by 3-52 % in magnitude. Jin et 

al. [ 148] looked at the effects of wall motion in the aortic arch on the velocity profiles obtained 

computationally and found that there was good quantitative agreement with MRI measurements 

when the wall motion was included. In general compuational studies appear to be able to pre- 
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dict the velocities in vivo but experimental validation is still in the early stages and more work 

is required to confirm this. 

1.4.2 Calculation of Tissue Stresses 

1.4.2.1 Straight Tubes 

1_,, 
T 

P 

h 

r 

Figure 1.14: Circumferential tension in an elastic tube under pressure 

The circumferential stress in an elastic cylinder can be calculated by slicing it in half and 

equating the force due to the pressure and the tension (figure 1.14): 

2 thl = 2Prl (1.11) 

Pr 
(1.12) 

where 'r is the stress, h is the thickness, l the length, P the pressure and r the radius. This 

result is known as Lame's equation [32]. It is the basis of the pressure-strain elastic modulus 

which is used a lot in ultrasonic studies of blood vessels and can be used to derive a value for 

Young's modulus for the artery. Multiplying by the thickness, h, gives an equation for the total 

tension in the wall which is known as the law of Laplace. This is the basis of the clinically used 

maximum aneurysm diameter as a measure of the rupture risk. 

1.4.2.2 Arteries 

Arterial tissue is a bit like rubber: it has a nonlinear stress-strain curve which is initially lin- 

ear, then softens and with further loading stiffens rapidly; it is viscoelastic but nearly elastic if 

preconditioned; and, since it is mostly (ý 70 %) water, it is nearly incompressible [ 17]. How- 
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ever, arteries, which are constructed from cells and fibres aligned in preferred directions, are 

anisotropic, and since they consist of three distinct layers they are also heterogeneous [ 17]. The 

artery wall is also known to exhibit residual stresses so that even in its unloaded, or zero pres- 

sure, state the layers are stressed. If the wall is sliced longitudinally it uncurls itself showing 

that the intima was under compression and the adventitia was under tension [17]. 

Under physiological conditions arteries behave basically elastically and a useful way to de- 

scribe their behaviour is hyperelasticity [17]. This means the strain energy, W, is a function 

of the strain state, independent of the path between the states. The stress can be computed by 

differentiating the strain energy. Different forms of W have been used for the aorta including 

polynomial, exponential and combined polynomial - exponential [17]. Vande Geest et al. [ 149] 

compared normal and aneurysmal abdominal aorta with biaxial mechanical tests and used the 

following strain energy function: 

W= b0 
(eb1e/2 

+eb2EL2c, I2 +eb3EBeELL 

where Eee and ELL are the Green strain tensor components in the circumferential and lon- 

gitudinal directions and b0 - b3 are the fitted parameters. They found that AAA tissue was 

significantly stiffer than AA tissue but there was no significant difference in the stiffness in the 

two directions. 

In general arteries are not just straight tubes, they taper, bend and branch and contain inhomo- 

geneities such as plaques. Finite element modelling (FEM) provides a way of calculating the 

stresses and strains in these nonuniform shapes. The tissue is divided up into elements and the 

balance of linear momentum is solved for each element iteratively [150]. FEM has now been 

used extensively for looking at blood vessels in health and disease. One particular application 

has been atherosclerotic plaques where models, based on idealized cross-sectional geometries 

or more recently distributions obtained from histology or from IVUS images [151], have re- 

vealed the relationships between plaque location, stress and stability [144,152]. Angioplasty 

is another area where FEM has been applied, again both idealized and geometrically accurate 

models have been used to show the locations of stresses and stress gradients in the tissue [152]. 

FEM has shown that damage during stenting is highly dependent on inflation pressure and ge- 

ometry of the stent struts [144] and that mismatching of host tissue and graft tissue compliance 
is a cause of graft failure because the disparity causes chronic stretching at the junction [144]. 
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1.4.3 Calculation of Blood Flow in AAA 

Numerical studies of flow in axially symmetric aneurysms confirm the main results of in vitro 

studies [74,113]. That is, during steady flow there is a forward flowing core surrounded by 

a toroidal vortex, with location of the vortex centre dependent on Re. During pulsatile flow, 

vortex formation occurs at the proximal end of the aneurysm during flow deceleration and the 

vortex moves distally over the cardiac cycle [74,113]. The vortices in asymmetric aneurysms 

are crescent shaped, only occupying the bulged side of the vessel [74,153]. In a study of 

two axisymmetric aneurysms in series it was shown that the presence of the second aneurysm 
downstream of the first affects the flow in the first and vice versa. This is relevant to real AAAs 

since their lumen are often convoluted and may contain a series of dilations. 

In comparison with intracranial aneurysms, or the healthy aorta, there have been few numer- 
ical studies on flow in patient-specific abdominal aortic aneurysms. Yeung et al. [154] per- 
formed numerical simulations on flow in the abdominal aortas of patients with spinal cord 
injury and control subjects. Spinal cord injury patients are at increased susceptibility to devel- 

oping aneurysms and although the patients in the study were specifically chosen to have aortic 
diameters <3.0 cm (that is, nonaneurysmal) their aortas all still had irregular ectatic segments 

at the distal end and their iliacs were narrow. Average WSS in the spinal cord injury patients 

was 0.301 Pa compared to 0.723 Pa in normal subjects. No information on flow patterns is 

given. From in vitro and numerical studies in simplified AAA geometries, flow in vivo is al- 

most certain to be complicated, with recirculation zones and oscillatory WSS. Also, since real 
AAAs have far more complicated shapes, with lumpy and tortuous lumen, the haemodynamics 

will probably also contain helical flow with large secondary velocities. However, more work 

in this area is required to confirm this and since the flow is likely to be so complicated the 

numerical results should be validated against in vivo measurements. 

1.4.4 Calculation of Tissue Stress in AAA 

Since rupture is the eventual fate of all nonoperated aneurysms, provided the patient survives 

long enough, much work has been devoted to patient specific analysis of rupture risk. Although 

both stress and strength are required in order to assess rupture it has been shown that just 

knowing the stress gives a better indicator of risk than the current clinically used measure of 

diameter [55,57]. 
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Figure 1.15: Tension in an aneurysm wall assuming membrane theory. 

Elger et al. [155] showed analytically that maximum wall stress did not correlate with maxi- 

mum diameter, for different aneurysm shapes, but instead correlated with wall curvature. They 

found that the maximum stress typically occurred near the inflection point of a curve drawn 

along the wall length, and that the circumferential stress was much greater than the longitudi- 

nal stress. The reason for this apparent contradiction with Laplace's law can be explained as 

follows. The longitudinal tension must balance the difference in the force due to the pressure 

acting over a larger area in the aneurysm bulge (figure 1.15a). Hence the longitudinal tension 

peaks where the bulge has its maximum area. Then, considering components normal to the 

aneurysm wall (figure l 
. 
15b), as in the derivation of Lame's equation (section 1.4.2.1), the sum 

of the longitudinal and circumferential tensions is equal to the pressure, P, a constant. Hence 

when the longitudinal radius of curvature (r2) is a maximum, that is at the point of inflection 

(infinite radius), the longitudinal tension plays no role in balancing the pressure and circumfer- 

ential tension peaks. 

One of the first groups to use FEM to look at aneurysm stresses were Mower et al. [156] who 

studied an axially symmetric geometry. They found that peak stress occurred on the inner wall 

in two bands either side of the peak diameter. Other studies have also shown that peak stress 

occurs on the inner wall [52,157], but none have included the residual stress which may act 

to even out the radial stress distribution. In vivo aneurysms bulge out more anteriorly than 

posteriorly because the posterior is supported by the spine. In asymmetric aneurysms which 

bulged more anteriorly peak wall stress was located at the inflection points of the more highly 

curved wall on the anterior [ 158]. 

Patient specific stress analyses require: 3D geometry of the artery, which is obtained from 

segmenting medical images, usually from x-ray contrast enhanced computed tomography [52, 
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53,58], but alternatively MRI [56], a constitutive model for the wall, and the patient's systolic 
blood pressure. From the segmented geometry a mesh of the aneurysm wall is created and then 
FEM is used to inflate the aneurysm to systolic pressure. The 3D stress distribution is then 

readily obtained. To be useful clinically this technology must be fast and easy to use and to 
this end progress is underway to automize the processes of segmentation, mesh generation and 
stress analysis [159]. 

The geometry of the aneurysm influences the position and value of the peak stress. The peak 

stress in all aneurysms in the study by Raghavan and Vorp [53] was on the posterior surface and 
in the study by Fillinger et al. [58] the peak was located either in the posterior or lateral areas. 
Da Silva et al. [160] found that 62 % of aneurysms ruptured in the posteroinferior wall, 20 % 

ruptured at the maximum diameter and 18 % in the inferior portion. So, although the position 

of the peak stress is dependent on the geometry there is a correlation between the site where the 

most aneurysms have their peak stress and the site where the most aneurysms rupture, which is 

also the posterior [58]. In ruptured aneurysms where the site of the rupture was known, either 
by inspection, CT scan or operation report, it correlated with the position of the peak stress 
[58]. However, in this study the ruptured AAAs were scanned post rupture and the process of 

rupturing would influence the stress distribution. 

Peak wall stress in a group of AAAs ranged from 0.29 to 0.45 MPa compared to the peak 

stress in a control normal aorta of 0.12 MPa [53]. Ruptured aneurysms were found to have 

significantly different peak stresses to unruptured aneurysms (1.02 compared to 0.62 MPa [54], 

and 0.477 compared to 0.369 MPa [58]). This difference persisted in diameter matched AAAs 

(0.517 compared to 0.397 MPa) [55]. There was no difference between peak stress in symp- 
tomatic but unruptured aneurysms and ruptured aneurysms (0.475 compared to 0.477 MPa 

[58]). In all of these studies ruptured AAAs were scanned post rupture. Fillinger et al. [57] per- 
formed a prospective study in which 103 patients with asymptomatic aneurysms were scanned 

and followed up. They found that wall stress (sensitivity 94 %, specificity 81 %, accuracy 85 

%) was a better predictor of rupture than diameter (sensitivity 81 %, specificity 70 %, accuracy 
73%). 

The relative importance of geometry and pressure has been investigated but the results are in- 

conclusive. After standardizing blood pressure some authors have found that ruptured aneurysms 
still have a significantly higher peak stress that nonruptured aneurysms [54] while other authors 
have found it is important to use the correct patient blood pressure as without the correct pres- 
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sure the differences between ruptured and nonruptured groups are not significant [55]. 

The intraluminal thrombus has been shown to have an important role biologically, and it is also 

thought to be important from a mechanical perspective. FEM studies of simplified aneurysms 
[ 161 ] and patient specific aneurysms [ 162] have shown that a thrombus layer, modelled as an 

elastic solid with much lower stiffness than the aneurysm wall, reduces the stress on the wall 

and that increasing the thrombus thickness reduces the stress [163]. In a study on the effect 

of changing the stiffness of the thrombus over the range found by Wang et al. [43] it was 

shown that there is insufficient variation in the population to cause significant variation in the 

wall stress [164]. A study on whole thrombi, both in vivo and excised, showed that although 
the thrombus only reduces pressure transmission to the wall by about 10 %, aneurysms dilated 

more after the thrombus was removed than before when inflated to the same pressure. This 

backs up the idea found by the numerical studies that the thrombus reduces wall stress and they 

go on to suggest this is because the thrombus is a fibrous network adherent to the aneurysm 

wall [165]. 

One of the main problems in calculating the tissue stress is knowing the thickness of the artery 

wall. It is clear from Lame's equation that the stress in a cylindrical tube is inversely propor- 

tional to the the wall thickness and this has been shown to be almost the same in patient specific 

aneurysms [54]. Raghavan et al. [53] showed that varying wall thickness over the 99 % con- 

fidence interval for wall thicknesses found in 132 ex vivo samples (1.79-2.10 mm), produced 

a range of wall stresses in the models of ±5 to + 12% of the wall stress using the mean wall 

thickness (1.9 mm). This implies that having the exact wall thickness is perhaps nonessential, 

that is, if the wall thickness is uniform. However, arterial tissue in general is heterogeneous 

in thickness [ 166] and as a diseased state aneurysm tissue is even more so [61 ]. The effect of 

nonuniform thickness on wall stress is much greater than simply changing the thickness of the 

whole wall [156]. 

Although changing the elasticity of the wall over the 95 % confidence interval found in a study 

of ex vivo samples produced only a4% error in the peak wall stress, like wall thickness [59], 

material properties are heterogeneous [61]. One type of tissue inhomogeneity which can be 

seen relatively easily on a CT scan is the calcifications. Stress in finite element models of small 

tissue segments containing calcifications, modelled as locally stiffer regions, was shown to be 

dependent on the shape and stiffness of the calcifications [167]. Including calcifications in 

AAA models resulted in alteration of the stress distribution with a maximum increase in peak 
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stress of 22 % [168]. 

Another problem with basing FEM on patient scans is that the geometry obtained is not the 

zero pressure geometry but rather the geometry under blood pressure: an average blood pres- 

sure if CT is used or, if gated MRl is used the geometry throughout the cardiac cycle can be 

obtained. Finding the zero stress state is non-trivial since the aneurysm is both materially and 

geometrically nonlinear. However, estimates of the zero pressure geometry have been found 

using either inverse analysis based on CT scans [ 169,170] or MRI scans [171], and the wall 

stresses based on zero pressure geometries were 25 - 50 % higher than those based on diastolic 

pressure geometries. 

So far, only static pressure analysis of the wall tissue stress has been considered. In reality the 

pressure on the wall is a result of the fluid flow and, since aneurysm geometries are, at their 

simplest, bulges, and more often also tortuous and convoluted, the fluid flow is complicated with 

recirculating regions and secondary flow. This causes local variations in the pressure which 

may alter the stress distribution in the aneurysm wall. In order to calculate the effects of these 

regional pressure variations the fluid-structure interaction must be modelled. Scotti et al. [172] 

looked at fluid structure interaction in idealized models of AAAs and concluded that `solid 

stress techniques underestimate wall stress calculations when compared to the fluid-structure 

interaction predictions'. In contrast Leung et al. [173] looked at fluid-structure interaction in 

patient-specific geometries and found that the difference in peak stress between that and static 

stress analysis was less than I %. 

In summary, there is a large body of work on tissue stresses in abdominal aortic aneurysms and 

many factors, such as geometry and finding the correct geometry, blood pressure, wall thick- 

ness, wall properties and inhomogeneities, presence of intraluminal thrombus have been found 

to influence the wall tissue stress to different degrees. However, there are still improvements 

to be made, most importantly, determination of local wall thickness, which will require im- 

provements in image resolution, and also, resolution of the controversy over the effects of local 

variation in pressure caused by fluid flow. 

1.4.5 Summary 

Calculations can provide additional information to that which can be obtained from measure- 

ments. Calculations can be performed in regions, or under circumstances, that are difficult to 
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measure and calculations can provide insight and understanding. Blood flow has been calcu- 
lated for the normal aorta and for simple aneurysm models, however numerical studies on real 

aneurysmal aortas are very limited. The complex geometries are likely to produce complicated 
flow fields which will alter properties such as the wall shear stress and delivery of cells to the 

wall which influence the biology. There is already extensive literature on numerical estimation 
of tissue stresses in AAA. However, two areas have been identified as needing more investiga- 

tion and these are measurement of wall thickness and the importance of the interaction with the 
blood. 

1.5 Thesis Outline 

Having reviewed the literature on arterial, and specifically abdominal aortic aneurysm, biome- 

chanics, it is clear that while much progress has been made and useful relationships have been 
found, there is still work to be done. Most of the biomechanical work on AAA has focused on 
tissue stresses, which is logical as knowledge of these can help avoid rupture and save lives. 
However, as shown here the blood flow is also important to the biology of aneurysms and stud- 
ies in this area could provide useful information on the disease process which may help prevent 
or manage aneurysms in the future. 

1.5.1 Aims and Objectives 

The aim of this thesis is to investigate blood flow and tissue stresses in abdominal aortic 
aneurysms. 

This aim will be accomplished through the following objectives: 

" Develop methods for modelling haemodynamics in patient specific AAAs; 

" Validate numerical results against in vivo measurements; 

9 Determine the effect of wall motion on blood flow; 

" Determine the effect of blood flow on tissue stress. 
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1.5.2 Thesis Structure 

Chapter 1 has introduced the subject of arterial biomechanics and its relevance to a particular 
disease. 

The first part of this thesis is concerned with haemodynamics in real patient AAAs: 

Chapter 2 describes methods for obtaining patient AAA geometries and calculating the haemo- 

dynamics based on velocity and pressure boundary conditions from the literature on healthy 

subjects. CT scans are segmented using a semi-automated threshold based technique and the 

resulting contours are assembled into a model of the artery. Commercial software is used to 

calculate the blood flow and the complexity of the flow structures are revealed. 

Chapter 3 is focused on obtaining a typical abdominal aortic velocity wave in patients with 
AAA for use as an inlet boundary condition for calculations. This is accomplished by averaging 

spectral Doppler US waveforms using a method based on characteristic feature points. 

Chapter 4 compares AAA haemodynamics as calculated using 3 different inlet conditions with 
MRI measurements of velocity with a view to validation. 

The second part of this thesis uses simplified models to examine the effects of incorporating a 
fluid-structure interaction model: 

Chapter 5 describes different ways of accounting for the pressure variation due to fluid flow on 
deformation of the aneurysm wall, and compares the results of these in terms of differences in 

blood flow and tissue stress in axially symmetric aneurysm models. Models of varying diameter 

and material properties and with different amounts of thrombus are used. 

Chapter 6 investigates how a 3D aneurysm can be modelled using an electrical circuit, and what 

this can reveal about bulk flow characteristics, and examines whether this model can improve 

the pressure outlet boundary condition. 
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Chapter 2 
Haemodynamics in Patient Specific 

Aneurysms 

The importance of understanding the complete biomechanics of abdominal aortic aneurysm, 

with a view to fuller comprehension of the disease process, and to potentially improving clinical 

practice has been stressed. However, in the past, the haemodynamics of real AAAs has been 

subject to less attention than the solid mechanics. In this chapter a method for estimating the 

haemodynamics in vivo will be developed. 

2.1 Introduction 

The first computational fluid dynamics studies of haemodynamics used idealized or averaged 

geometries, or casts of postmortem specimens. With improvements in imaging techniques, de- 

velopments in image processing and high performance processors it is now possible to simulate 

pulsatile flow in individual patient geometries [144,174]. Such image guided CFD has been 

used for studying disease in a range of arteries. For example: the relationship between haemo- 

dynamics and atherosclerosis progression in the coronary arteries has been investigated using 

cine angiography and angiography combined with intra-vascular ultrasound (IVUS) [ 174]; the 

relationship between stent restenosis and wall shear stress (WSS) has been studied with CFD 

based on IVUS images [175]; and a comparison of haemodynamics in the carotid bulbs of a 

normal volunteer and an atherosclerotic patient showed increased wall thickness in regions with 
low and oscillating shear [176]. No studies could be found on investigating possible correla- 

tions between haemodynamics and disease progression in abdominal aortic aneurysm, although 
Leung et al. [ 177] studied the flow patterns and WSS in a single aneurysm patient. 

Image guided CFD for elucidating biomechanical relationships in disease consists of four main 

sections: an imaging technique, which should ideally be high resolution, nonionizing and non- 
invasive; image segmentation for delineating the arterial geometry, which may be 2D, in which 
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case the slice data must be reconstructed to form the 3D geometry, or fully 3D; mesh gener- 

ation and solution of the discretized Navier-Stokes equations with post-processing to extract 

the biologically relevant parameters; and finally the whole process must be repeated in several 
follow up studies in order to draw any conclusions on the influence of the haemodynamics in 

the disease. 

The work here concentrates on the middle two of these sections, image segmentation and ge- 

ometry reconstruction, and calculation of the blood flow. However, the method should have the 

potential to be used for investigating haemodynamic parameters across the AAA population. 

AAA patients undergo regular monitoring in the form of US scans. If the aneurysm exceeds the 

5.5 cm threshold, is symptomatic or is expanding fast, the patient will be considered for surgery. 
At this point a CT scan of the AAA is performed to examine the shape of the AAA more closely 

and decide how best to operate. MRI scans are not performed in general. Therefore a large scale 

clinical study to investigate haemodynamic parameters across the AAA population would be 

easiest to implement if the data required came from CT and US. That is not to say that if better 

methods were available these should not be used, but CT and US data are an appropriate first 

choice. 

The aim of this work was to develop a method for estimating the flow field within AAA using 
CT scans of the geometry and the velocity in the aorta proximal to the aneurysm, which could 
be measured using Doppler US, and to use this method to study blood flow in several patients. 

2.2 Methods 

2.2.1 Segmentation 

Contrast enhanced x-ray computed tomography (CT) data were used to obtain three patient ge- 

ometries. Individual CT slices were segmented using a semi-automated threshold based method 
implemented in Matlab v. 6.5 r. 13 (The Mathworks Inc., Natick, MA) (see figure 2.1). The in- 

teractive part of the method required a user to mark a small rectangle in the centre of the lumen 

on roughly every 10th data slice. These rectangles were linearly interpolated to give a rectan- 

gular region on each slice. Thus, if the geometry changed rapidly more user defined rectangles 

were required to ensure the interpolated rectangles fell within the lumen. 

The automatic part of the method consisted of thresholding and converting the thresholded 
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image to a contour surrounding the lumen. The images were thresholded based on pixel values 

within the rectangular regions. The thresholded lumen region was converted to a contour by 

defining lines radiating from the centre of the lumen, as found from the centre of the rectangle, 

and then locating the points on the lines at which the pixel value dropped. In this way, points 

at equal angles around the edge of the lumen were found, and these formed a contour. The 

x-y coordinates around each contour were filtered firstly using a median filter to remove any 

outliers and then using a mean filter to ensure they were smooth. 
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(a) slice data showing (b) thresholded image and (c) median filtered contour (d) mean filtered contour 
manually placed rectangle construction of contour 

points 

Figure 2.1: Segmentation: f om manually placed rectangles to contour points. 

2.2.2 Geometry Reconstruction 

The contours were stacked vertically and the x-y coordinates were smoothed using a moving 

average. To deal with the iliac bifurcation the last 3 slices of the aorta were attached to each of 

the iliac arteries before smoothing and then removed. An example of the resulting contours is 

shown in figure 2.2. 

The contours were converted to a surface representation of the lumen, from just below the renal 

arteries, up to and including a portion of the iliac arteries, in the form of a Standard Tessellation 

Language (STL) file, using the software Nuages (Bernhard Geiger, INRIA Sophia-Antipolis, 

France [178]). Nuages uses Delauney triangulation to convert the contour data into a surface 

of triangles [178]. Since the triangulation results in a linear interpolation of the slice data some 

parts of the resulting surface had sharp corners. These were removed by manual correction 

using Magics X SP 1 (Materialise, Leuven, Belgium). 

Magics was also used to add inlets and outlets to the geometries. Each end of the geometry 

was cut off as close to the end as possible and perpendicular to the walls of the artery. A cylin- 
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Figure 2.2: Individual contours reconstructed to form AAA geometry. 

drical inlet (length =5x diameter) was attached smoothly to the aortic end. The outlets were 

extrapolated to give straight lengths perpendicular to the cut section (length = 10 x diameter) 

to ensure a computational boundary was not placed inappropriately [136]. Manual smoothing 

and extension of geometry are shown in figure 2.3. 

2.2.3 Boundary Conditions 

The boundary conditions used were velocity at the inlet and pressure at the outlet. Mills et 

al. [90] used a catheter tip electromagnetic velocity probe to measure the blood velocity in 

the aorta and some of the branch arteries of patients undergoing routine diagnostic cardiac 

catheterization. Their measurement from the abdominal section of the aorta was used here. 

The measurement was assumed to have been taken on the axis of the blood vessel and from this 

centreline velocity measurement a time dependent flow wave was calculated for each patient 

geometry using the radius of the inlet section and assuming fully developed, Womersley flow 

[ 179]. From this flow wave the same theory could then be used to calculate the time depen- 

dent velocity profile across the inlet boundary. The velocity at each inlet boundary face was 

calculated using a user defined function (UDF) in Fluent v. 6.216 (Fluent Inc., Lebanon, New 

47 



Haemodynamics in Patient Specific Aneurysms 

(a) shape created by 
Nuages 

ics 

Figure 2.3: Subsequent smoothing and extension of iliac arteries using Magics X SPl. 
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Hampshire, USA) and then applied perpendicular to the face. 
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Figure 2.4: Boundary conditions used were a Womersley velocity profile at the inlet and pres- 
sure at the outlet. Plotted here are the peak or centreline, velocity (black) in the 
inlet profile and the outlet pressure (red). 

Mills et al. [90] also measured the pressure in their patients and the pressure wave from the iliac 

artery was used here as the outlet boundary condition. At pressure outlets the flow is forced 

to be perpendicular to the boundary and so the boundary should be positioned where this flow 

is expected, that is, well down stream of any possible recirculation zones. In this work outlets 

with a length equal to 10 diameters were used, thus ensuring they were beyond any recirculation 
[136]. 

2.2.4 Computational Fluid Dynamics 

Gambit v. 2.2.30 (Fluent Inc., Lebanon, New Hampshire, USA) was used to mesh the volumes 

of the arteries. An extremely coarse volume mesh of 3 mm tetrahedral elements was produced 

initially. A very fine surface mesh of 0.5 mm triangles was also produced. Fluent's mesh adap- 

tion capabilities were used to create a mesh that was fine in the necessary areas. Hanging node 

adaption was used [ 180]. Hanging node adaption is characterized by the existence of nodes 

which are not vertices of every cell sharing that vertex. For tetrahedral meshes, hanging node 

adaption requires trimming each corner of the tetrahedron and then splitting the enclosed octa- 

hedron along the shorted diagonal. First a steady flow solution was obtained for the extremely 

coarse grid with 50 cm/s flow across whole of the velocity inlet and a constant pressure of 100 

mmHg (13328 Pa) at the outlet. Geometry based adaption [180] was activated using the very 
fine surface mesh. This ensures that as cells are refined the nodes are moved towards the shape 

49 

0 0.2 0.4 0.6 0.8 
time Is 



Haemodynamics in Patient Specific Aneurysms 

of the wall and so the surface becomes smoother rather than remaining the blocky shape of the 

original mesh. Boundary adaption with a surface mesh is illustrated in figure 2.5. Boundary 

adaption was then used to refine the near wall mesh of the lumen surface, and gradient adap- 

tion based on the gradient of the velocity magnitude was applied to the whole volume mesh to 

create the `standard' mesh. After obtaining a converged solution with the standard mesh, gra- 

dient adaption, based on gradients of the velocity magnitude at peak flow, was used to produce 

a finer mesh. The resulting mesh should be fine in the areas with high velocity gradients but 

small enough that the calculation time was reasonable. 

Qll, 

(a) fine mesh (b) coarse mesh (c) refined mesh 

Figure 2.5: Mesh refinement using hanging node, boundary adaption with a surface mesh. 
Note how the shape of the coarsely meshed iliac artery cross sections has grown 
towards that of the fine mesh in the refinement process. This is most obvious at the 
left corner of the right artery. 

Fluent v. 6.2.16 (Fluent Inc., Lebanon, New Hampshire, USA) was used to perform unsteady 

computational fluid dynamics (CFD). The flow was assumed to be laminar and the Navier 

Stokes equations were solved using Fluent's unsteady, segregated solver. Second-order upwind 

schemes were used to discretize time, and the continuity equations. The Pressure Implicit with 

Splitting of Operators (PISO) scheme [ 133,180] was used for pressure-velocity coupling as 

this is the most appropriate for unsteady flow. Blood was assumed to be a Newtonian fluid with 

p= 1040 kg m-3 and µ=3.64 x 10-3 kg m-1 s-1 [32]. The calculations were performed on 

a Pentium-4 Linux workstation. There were 400 timesteps per cardiac cycle. 

2.2.5 Haemodynamic Wall Properties 

The local WSS and its variations can be used as indicators of disturbed flow which identify 

arterial regions where disease is likely to continue developing. Regions of high WSS may be 

sites of endothelial cell dysfunction and platelet activation [32]. Regions of very low WSS are 

susceptible to platelet aggregation and surface attachment [46]. 
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Endothelial cells located in regions of oscillating shear stress are stimulated differently to those 
in steady shear stress. The variation in the WSS direction can be expressed in terms of the 

oscillatory shear index (OSI), 

1ýfT %ýdtOSI=2 
1- 

fTI Twdt l 
(2.1) 

where %, is the WSS and T is the period time [135]. If the numerator and denominator are 
the same, that is if the WSS is always in the same direction, the OST is zero. However, if the 
WSS integrates to zero the OSI is 0.5. Regions of high OSI have been found to correlate with 

elevated intima-media thickness, an early sign of atherosclerosis [86,141 ]. 

It has been suggested that WSS gradients (WSSG) may influence AAA disease development 

since temporal shear gradients affect enzyme expression differently to steady shear stresses 
[41,181]. Spatial WSSG magnitude was calculated as, 

T 
IWSSGS =f IWSSG, I dt (2.2) 

T 

where, 

IWSSGS = 
az'v, 

'n 
2+d tw, n 

2 12 
(2.3) 

dm 
(dn) 

where m is the mean flow or Tw, mean direction and n is the normal to m on the surface [ 143]. The 

temporal WSSG magnitude was calculated as, 

T 
WSSGt =1 

Jo 2w at 
Tat 

(2.4) 

The wall shear stress angle deviation (WSSAD) is a measure of the motion of fluid elements 

towards the wall and it has been suggested that it may correlate with disease since monocytes 

will be carried towards areas of high WSSAD [143]. In aneurysms the WSSAD will also 

represent regions where platelets are moving towards the wall. The WSSAD, which is an 

expression for the mean angle between the shear stress Tl and the surrounding shear stresses rj, 

was calculated as [143], 
Ti ' Ti WSSAD Carccos 

Ti- T. II 
(2.5) 
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where, 

C_ 
1' v"'` (2.6) 

10; vn'i - n; < 0. 

and, 
1 

-fi 
fT 

i, dt, v; _11 vidt (2.7) 
tfQ tQT 

where 2; is the wall shear stress at point i, v,,; is the near wall velocity component normal to the 

surface at point i and C is zero if the blood is moving away from the wall. 

The static pressure on the lumen surface is an indication of the normal force experienced locally. 

The blood flow creates pressure variations which mean locally measured static pressure will 
differ from the systolic blood pressure. 

Flow patterns, shear stress parameters, and pressure were calculated and compared in the three 

aneurysm geometries. 

2.3 Results 

(a) AAA02 (b) AAA04 (c) AAA10 

Figure 2.6: Shape of lumen, thrombus and wall in the three patient aneurysms. The lumen is 

shown in red and the region between the lumen and the wall, that is the thrombus, 
is shown in purple. Views are of the patients left side (left) and posterior (right). 

2.3.1 Geometry 

The shapes of the three AAAs are shown in figure 2.6 and the maximum anterior-posterior 

diameter of the aneurysm and the lumen are given in table 2.1. The lumen of both AAA04 and 

AAA 10 were both fairly tubular, with gradually increasing and decreasing diameters whereas 
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Patient maximum A-P diameters /cm diameter of healthy section /cm 
lumen wall 

AAA02 4.40 6.69 1.86 
AAAA04 3.60 7.24 2.50 
AAA 10 6.13 8.22 2.44 

Table 2.1: Measurements of AAAs (A-P is anterior posterior. ) 

AAA02 had a higher ratio of lumen diameter to length. All the aneurysms were curved so that 

they bulged out more on the anterior side. 

2.3.2 Convergence 

Mesh independence was assessed by comparing the velocity magnitude, on several planes, 
between the coarse and fine meshes. The mean percentage difference on each plane in AA A02 

throughout the cardiac cycle is shown in figure 2.7. The largest difference occurred on plane 6 

during the diastolic phase of the cardiac cycle when there was low flow. Plane 6 is located in 

the iliac arteries (figure 2.7a) which are beyond the main region of interest so some error here is 

less concerning. The largest difference on planes 3 or 4, which lie in the bulge of the aneurysm, 

was 25 %. The effect of this 25 % difference is shown in figure 2.7c and 2.7d which shows the 

V, nag profiles in the coarse and fine meshes for plane 3 at 0.2 s. The mean difference in velocity 

magnitude between the coarse and fine meshes, in each patient geometry, along with the time 

taken to compute one cardiac cycle is shown in table 2.2. 

Solution time should vary linearly with mesh size, for a given mesh geometry. However, these 

computers are in a shared computer cluster so there may have been other processes running 

simultaneously and computational times have been included only as a guide. 

Patient mesh size time taken difference 
3 mm standard fine standard fine in V, nag /% 

AAA02 104 105 2.5x10 11hr15 13hr49 10 
AAA04 6.3 x 104 2.6 x 105 2.8 x 105 25 hr 53 * 15 hr 15 8 
AAA 10 9.7 x 104 4.1 x 105 4.5 x 105 29 hr 28 37 hr 52 20 

Table 2.2: Number of elements used and time taken. *Other processes running at the same 
time. 

Cyclic independence was assessed by comparing the velocity magnitude at a number of points 
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(e) Coarse mesh: V�,,, g on plane 6 at 0.6 s 
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(d) Fine mesh: Vmag on plane 3 at 0.2 s 
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(f) Fine mesh: Y,,, ag on plane 6 at 4.6 s 

Figure 2.7: Difference in Vmag between coarse and fine meshes. 
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Figure 2.8: Cyclic convergence of velocity magnitude at select points. Velocity magnitude at 
peak systole and minimum diastole has been plotted for each cardiac cycle. 
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throughout time. Plots of the variation in velocity magnitude at peak systolic velocity and 

minimum diastolic velocity at 5 points are shown in figure 2.8 for the first aneurysm geometry. 

The solutions were considered cyclically converged after the 4th cardiac cycle. Although the 

velocity at one of the points shown suggests the solution might not be completely converged 

by this time, 5 cycles were used as a balance between precision and limiting the computational 

resources required. The mean percentage difference in the velocity magnitude, at all cells and 

at 20 time points, between the 4th and 5th cardiac cycles was 1.9%, 0.7% and 8.2% for the 

three aneurysms respectively. 

2.3.3 Velocity 
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Figure 2.9: Flow waves for the three aneurysms. 

The flow waves for the three aneurysms have different magnitudes since they were calculated 

to each give the same centreline velocity but each had a different inlet diameter (1.86 cm, 

2.5 cm, and 2.44 cm). The flow waves are shown in figure 2.9. Velocity profiles on selected 

planes within the three aneurysms are shown in figures 2.10 to 2.12. In all three geometries the 

velocity profiles in the inlet length were very similar, with a blunt profile and peak velocity just 

less than 0.5 m/s. This is expected since the inlet boundary condition was set up such that the 

velocity profile produced a time varying flow waveform with a specific centreline velocity. In 

fact the peak velocities in the inlet tubes were 0.471,0.484 and 0.483 m/s. The peak velocity 

should have been 0.488 m/s and the differences (3 %, 0.8 % and I %) can be attributed to 

discretization errors. The blunt profile is typical of that in all the larger arteries and occured 

because the Womersley parameter, a, was high. When the inertial forces are large compared 

with the viscous forces, the fluid moves like a solid mass. Near the wall, where the viscous 
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forces dominate, there is a high shear region [32]. 

At 0.3 s (peak systolic velocity) flow throughout all the aneurysms was in the forward direction 

(towards the legs). At 0.5 s (peak negative velocity) most of the flow was backwards, however 

just distal to the aneurysm neck in all three geometries the core flow was still in the forward 

direction. By the end of the cardiac cycle (1.0 s) the blood in the sac was almost stationary. The 

directional vectors clearly show the flow recirculated and there was no predominant direction. 

In the inlet section the bulk flow was small but directed forwards. 
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Figure 2.10: Velocity profiles in AA. A02, from left to right: 0.30,0.50 and 1.00 s. 

Examining the flow patterns in detail revealed their intricacies. At 0.30 s, peak systolic flow, the 

streamlines in AAA02 all went straight through the aneurysm cavity (see figure 2.13). A vortex 
began to develop at 0.35 s on the anterior of the aneurysm neck as the flow decelerated. As 

the flow continued to decelerate the vortex got stronger and became a complete, but lopsided, 

torus by 0.45 s. This toroidal vortex occupied the majority of the aneurysm cavity but there 

was a region at the posterior of the distal half where the flow passed straight through. By 0.50 

s, the flow in the inlet and exit sections was completely in the reverse direction and the vortex 
filled the whole of the aneurysm cavity. At 0.55 s the vortex was no longer a complete torus 

but was crescent shaped, the flow on the posterior side being forward. At 0.60 s blood within 

the aneurysm cavity was trapped there, continually circulating. Since the development of the 

vortex at 0.35 s its centre had moved downstream and was located in the proximal half. This 
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Figure 2.11: Velocity profiles in AAA04, from left to right: 0.30,0.50 and 1.00 s. 
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Figure 2.12: Velocity profiles in AAA10, from left to right: 0.30,0.50 and 1.00 s. 
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pattern lasted until the end of the cardiac cycle and beyond, into the next cycle, with little 

change. Indeed, remnants of the vortex could still be seen at 0.15 s although there was also a 
lot of other flow recirculation. As the flow began to accelerate again at 0.2 s the recirculation 
disappeared and by 0.25 s the streamlines were all straight. 
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Figure 2.13: Formation and evolution of vortices in AAA 02. 

The flow patterns in AAA04 were quite different from those in AAA02 (figure 2.14). The 

healthy section of the aorta entered the aneurysm section at one angle and directly posterior to 

that the aorta bent at another angle. The two bends caused helical flow through the artery. At 

peak systolic flow (0.3 s) the pitch of the helix was long so there was only a small twist to the 

flow. However, as the flow started to decelerate (0.35 s) the helix was tighter and the blood 

swirled more. At 0.40 s, although there was almost a vortex present in the aneurysm neck, the 

flow was still helical. As the flow decelerated the blood spent longer spiralling through the 
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aneurysm. The helical flow lasted throughout the cardiac cycle and into the next one with tight 

spiral flow still present at 0.2 s. 

speed mfs 
00.17 

0.13 

I0.087 
0.044 

0.00 

i 

speed m/s 
"0.81 

0.61 

0.41 

0.20 

0.00 

, r: 

speed rNs 
0.33 

0.25 

0.16 

0.082 
00.00 

ý. ý 

speed m/s 

00.27 
0.20 

0.13 
, im 

0,067 
90.00 

-w M 
': rý 

ý, ý ' ,, 

rý 
f __: 

Figure 2.14: Formation and evolution of vortices in AAA04. 

The flow patterns in AAA 10 had similar elements to those of both AAA02 and AAA04 (see 

figure 2.15). Since the ratio of the bulge diameter to the neck diameter was smaller in AAA10 

than AAA02 the vortices were correspondingly smaller. There was no toroidal vortex, however 

as the flow decelerated at 0.4 sa crescent shaped vortex formed in the aneurysm neck and there 

was a second vortex in the lower half of the aneurysm just after the bend. As the flow reversed 
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(0.5 s) the second vortex disappeared and the first one encompassed the whole of the top section 

of the aneurysm. This vortex remained in the aneurysm until the flow started to accelerate again 
in the next cardiac cycle. 
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Figure 2.15: Formation and evolution of vortices in AAA10. 

2.3.4 Wall Shear Stress 

As an example of the variation in the WSS throughout the cardiac cycle figure 2.16 shows WSS 

magnitude and direction in AAA02 throughout time. Even at peak systolic flow there were 

regions where the WSS magnitude was less than 0.5 Pa and for most of the cardiac cycle the 
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Figure 2.16: WSS magnitude and direction in AAA02 at selected points through the cardiac 
cycle. 
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majority of the bulge experienced far lower WSS. Although around the times of peak forward 

and peak negative flow the WSS direction was forward and reverse respectively, during the 

periods of flow deceleration and very low flow, the directions were more varied and there were 

regions where the arrows formed star shapes indicating points of flow separation. 

The cycle averaged WSS properties for the three aneurysms are shown in figures 2.17,2.18 

and 2.19. In the inlet sections the mean WSS magnitude (I F,, I) was around 0.45 Pa for each 
AAA geometry while the mean WSSs (Tw) werearound 0.18,0.14 and 0.11 and were directed 

forwards in the inlet lengths of the aneurysms. For comparison, the value of iW calculated 

using the Womersley assumption were 0.439,0.441 and 0.441 Pa and Irw were 0.084,0.063 and 
0.064 Pa for AAA02, AAA04 and AAA 10 respectively. Whilst the values of J ýw f differ from 

the Womersley values by just 2% the values of iw differ by between 71 and 122 %. This can 
be explained because although the inlet length is a straight tube it opens out onto the aneurysm 

which is obviously not a straight tube. The flow in the inlet length is affected by the downstream 

geometry and is therefore not exactly aligned with the direction of the cylinder. This means that, 

although at every time point the magnitude of the WSS in the inlet length is very close to that 

in a straight tube, the WSS vectors are not precisely parallel with the inlet tube axis. For the 

particular flow wave used here, the WSS in a straight tube has a similar positive and negative 

component thus, integrating the WSS in a true straight tube throughout the cardiac cycle results 
in a very small mean WSS. However, since in the inlet tube the flow is not directed precisely 

parallel with the tube, integrating over the cardiac cycle results in a significant resultant WSS 

as the vectors do not `cancel out'. 

I tw I in the bulge of AAA02 (figure 2.17) was between 0.02 and 0.2 Pa with the lowest values 

on the posterior side and the highest values on the anterior. This is about 4- 40 % of that in the 

inlet length. iW was 0-0.15 Pa with the lowest values found laterally and the highest on the 

posterior which is 0- 80 % of that in the inlet length. 

In contrast, in AAA04 (figure 2.18) the I iw I in the bulge was much higher than that in AAA02, 

0.1 - 0.7 Pa or 20 - 200 % of that in the inlet while Kw- was 0-0.5 Pa or 0- 400 % of the inlet 

value. The much wider range of WSS values in the bulge of AAA04 is accounted for by the 

lumen geometry which is wider than that of the inlet but not as wide as that of AAA02. The 

highest of both 'ý iw I and iK. are found at the distal end where the anterior-posterior diameter is 

actually lower than the inlet diameter. 
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Figure 2.17: Haemodynamic wall parameters: AAA02. 

64 

(c) OSI 



Haemodynamics in Patient Specific Aneurysms 

WSS /Pa 
"1.00 

0.750 

10.500 

I 0.250 

0.000 

F 

(a) magnitude and direction of mean 
wss 

Os' 0.500 

0.375 

0.125 
I0.250 

0.000 

WSS /Pa 
3.00 

2.25 

1.50 

0.750 

0.000 

(b) mean WSS magnitude 

spatIOl WSSG 

0,010 

0.0075 

0.0050 

0.0025 

0.00 

(d) normalized spatial WSSG 

Figure 2.18: Haemodynamic wall parameters: AAA04. 
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Figure 2.19: Haemodynamic wall parameters: AAA1 0. 
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Mean WSS values in AAA10 (figure 2.19) were similar to those in AAA04. jiwj was 0.05 - 0.4 

Pa (10 - 90 % of the inlet value) and, was 0-0.3 Pa (0 - 300 % of the inlet value) with the 

highest values on the inner side of the curved bulge which corresponds to the posterior. The 

geometry of AAA10 is similar to that of AAA04 in that the bulge is fairly narrow, however, 

AAA10 is more curved accounting for the anterior-posterior difference. 

In all three aneurysm geometries the OSI in the inlet length was between 0.3 and 0.4. Within the 

aneurysm sack there was more variation with regions in each of the aneurysms where the OSI 

was up to 0.5 and others where it was down to about 0.1. This reinforces the idea of aneurysms 
being regions of disturbed flow. Some, but not all, bands of high OSI appear to correlate with 

ridges in the aneurysm geometries. 

High spatial WSS gradients were found in both the neck and most distal regions of the aneurysm 
bulges. The neck region is only surrounded by thrombus in AAA04, in the other two aneurysms 
this region is thrombus free (figure 2.6). Hence the shear stresses in this region are acting 
directly on the endothelial cells and shear stress gradients have been found to stimulate the 

expression of proinflammatories in endothelial cells. Temporal WSS gradient patterns followed 

those of the WSS itself and hence are not shown. 
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Figure 2.20: WSSAD, direction of mean WSS and thrombus location in AAA02 

WSS angle distribution is a measure of how much the near wall flow is directed towards the 

wall. In the two AAAs with narrower lumen (AAA04 and AAAlO) the WSSAD was found 
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to vary across the aneurysm bulge depending very much on the local curvature of the lumen 

surface. In AAA02 the largest region of high WSSAD was located on the distal anterior wall, 
near to where the thickest section of thrombus was located, see figure 2.20. WSSAD indicates 

the motion of blood, including platelets, towards the wall and platelets are required at the wall 
for the thrombus to grow. The shape of the lumen changes as the thrombus grows and as the 

aneurysm sack grows but the correlation in positions of highest WSSAD and thickest thrombus 

suggest the blood may have been flowing towards this spot for some time. 

2.3.5 Pressure 
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Figure 2.21: Static pressure in AAA02 

pres%uro /Pa 
12800. 

12675. 

. 
12550. 

12425. 

1234Q. 

presse /Pc 
12800 

12650 

12500 

12350 

12200 

presre / 
1031 

1031 

103( 

I103( 103( 

Figure 2.22: Peak systolic static pressure in AAA04 and AAA10 

Spatial variation in static pressure at selected times in the cardiac cycle for AAA02 is shown in 
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figure 2.21. The pressure gradient is negative when the flow is forward but as the flow changes 
direction the pressure gradient becomes positive. The highest pressure gradient is at the distal 

end of the aneurysm where the artery narrows and branches into the iliacs. The largest pressure 
difference along the length of the aneurysm is 1600 Pa and occurs at peak systolic flow (0.30 

s). The highest pressure gradient is found at the iliac bifurcation. At peak systolic pressure 

the difference is 300 Pa, 2% of the systolic pressure. Spatial variation in pressure at peak 

systole in AAA04 and AAA 10 is shown in figure 2.22. The total pressure differences along the 

aneurysms are 500 and 600 Pa or 4% of systolic pressure. 

2.4 Discussion 

A method was developed to calculate haemodynamics in patient specific AAAs. The method 

used a CT scan of the patient's aorta to obtain the arterial geometry along with published ve- 
locity and pressure data for the boundary conditions [90]. The published velocity wave could 
be exchanged for a spectral Doppler US measurement to make this boundary condition patient 

specific. The data used are obtained routinely from AAA patients which makes the method 

suitable for extension to a larger study of AAA haemodynamics. 

Flow patterns depended on the specific geometries of the arteries. Toroidal vortices formed 

during flow deceleration if there was a large enough ratio of bulge diameter to healthy aorta 
diameter and if the bulge extended fully circumferentially. Most of the time the vortices were 

crescent shaped rather than toroidal since the aneurysms tended to bulge more anteriorly than 

posteriorly. Helical flow was present if the inlet entered at an angle to the aneurysm bulge. In 

the presence of vortices regions of high and low velocity are located nearby creating regions of 
high shear. Platelets are activated by high shear stresses and may then clot in stagnant regions 
[2]. Both vortices and helical flow prolong the residence time of blood within the aneurysm, 

prolonging the exposure of the artery to inflammatory cells. 

WSS was low and oscillating in the aneurysms. Although low and oscillating WSS is com- 

monly associated with development of atherosclerotic lesions [4] the aneurysm bulges were 

surrounded by thrombus and hence, in the bulk of the aneurysm bulge, the endothelial cells 

were not in contact with the flow. However, low and oscillating shear stress is an indicator that 

the flow is slow, ideal conditions for clotting. The large region of high WSSAD in AAA02 

suggests blood motion towards the wall, bringing platelets towards the already thick thrombus. 

69 



Haemodynamics in Patient Specific Aneurysms 

The mean WSS magnitude in the aneurysm necks, whilst being higher than that in the main 
bulge was still low compared with that usually quoted for healthy arteries (1-2 Pa). The neck 

also experienced regions of high OSI and had the largest areas of high spatial WSSG. Since 

the neck had little or no thrombus in the three aneurysms the flow in this region will be in 

contact with the endothelium. High shear stress gradients and oscillating flow may enhance the 

endothelial expression of proinflammatories such as MCP-1 and PDGF-A which may inhibit 

the disease development. 

An aneurysm will rupture if the stress in the wall exceeds its strength. Static pressure in the 

aneurysm bulge is the cause of the wall stress, so, it has been suggested that fluid dynamic 

spatial variation in wall pressure is important in assessing rupture risk of aneurysms [182]. 

However, in this study the pressure variation was at most 4% of the systolic pressure. 

The results in these patients were in general agreement with those of Leung et al. [177], in that 

vortices developed just after peak systolic flow and there was low WSS in the aneurysm bulge. 

However, it has been shown here that the specific flow in individual patient aneurysms is highly 

dependent on their geometry. 

2.4.1 Segmentation and Geometry Reconstruction 

The contours were reconstructed to form arteries by stacking them and then smoothing the x-y 

coordinates of neighbouring points in the z-direction using a moving average. The bifurcation 

was reconstructed by smoothing the top few contours of each iliac artery onto the final few con- 

tours of the aorta. Morris et al. [138] cautioned that differences in reconstruction techniques 

can lead to differences in flow fields. They compared models created by: smoothing just the 

contours; smoothing the contours and smoothing in the axial direction; and treating each con- 

tour as a circle with axial smoothing. Maximum differences in the WSS were over 10 Pa since 

their geometry without axial smoothing created spikes due to sharp corners. The geometry 

reconstruction technique used here included smoothing in the axial direction to prevent these 

sharp spikes but the technique has not been compared with others and should be in future work. 

2.4.2 Boundary Conditions 

The boundary conditions used here were taken from a paper by Mills et al. [90]. Although the 

shape of the velocity wave is typical of velocity waves from the abdominal aorta, that is a large 
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forward pulse followed by significant reverse flow, it was taken from just one person and the 

quantitative variation in the wave shape across the population is unknown. The person did not 
have AAA and the effect of the disease on the velocity wave is unknown. The velocity wave 

was applied at the centreline velocity at the entrance to an inlet length attached to the top of 
the patient geometry. The rest of the velocity profile was calculated by assuming Womersley 

conditions. The assumption of fully developed flow in a model of the carotid bifurcation was 
investigated by Moyle et al. [137]. They found that the effects of secondary velocities in the 

inlet profile on the WSS and OSI died out within a few diameters of the inlet. 

2.4.3 Rigid Geometry 

The effect of wall motion on the flow field of arteries is controversial. Jin et al. [148] found 

that calculated flow fields in the aortic arch agreed best with MR measurements only when 
the wall motion was incorporated but WSS difference between rigid and compliant models 

was less than 0.5 Pa throughout the cardiac cycle. Scotti et al. [172] looked at fluid-structure 

interactions in simple bulged tube models of AAAs and found that during flow deceleration 

there were no vortices present, a pattern which is typical of flow acceleration in rigid walled 

models. Deplano et al. [75] found differences in flow patterns and vortex strength in compliant 
AAA models compared to rigid ones. Wall displacements in aneurysmal aortas are around 5% 

of the diameter (see Chapter 4) which is a 10 % area or volume change, or 6.5 ml assuming a 
5 cm diameter spherical aneurysm. Then changing the volume by 6.5 ml over half the cardiac 

cycle induces a flow rate of 13mis-1 which is small compared with the peak flow rate through 

an aneurysmal aorta (150mis-1) found in Chapter 3 and hence compliance effects are unlikely 

to be important. 

2.4.4 Newtonian Blood 

A Newtonian constitutive model for viscosity is generally accepted as a reasonable approxima- 

tion in large arteries [ 141 ]. Johnston et al. [ 183] compared a Generalized Power Law blood 

model with a Newtonian model when calculating the flow through coronary arteries. Regions 

of high and low WSS were the same with both models and there were only significant quanti- 

tative differences during the low flow parts of the cycle which amounted to about 30 % of the 

time. They concluded that a Newtonian model was a reasonable first approximation in coronary 

arteries which are much smaller (3-5 mm) than the aorta. 
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2.5 Conclusions 

A method to calculate haemodynamics in patient specific aneurysms based on CT scans has 

been developed. Blood flow has been estimated in three patient specific aneurysms using the 

same boundary conditions. Flow patterns were found to be strongly influenced by the spe- 

cific geometry of the aneurysmal aorta. Unlike in simple axially symmetric aneurysm models, 

the vortices were usually crescent shaped rather than toroidal. Some helical flow was usually 

present but this was enhanced if the healthy section of the aorta entered the diseased section 

at an angle. Mean WSS magnitude in the aneurysm bulges was usually lower than that in the 

inlet section but there were also regions where it was higher. OSI in the aneurysm bulge varied 
from 0.1 to 0.5 whereas in the inlet section it was between 0.3 and 0.4 and high WSS spatial 

gradients were found in the aneurysm necks and at the distal ends. Pressure differences along 

the aneurysms at peak systole were around 4% of systolic pressure. The blood flow patterns 

and haemodynamic wall parameters presented here are interesting but there is no way to know 

if they are accurate. Validation is an essential step in developing an image guided CFD method 

and this will be attempted in a later chapter. 
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Chapter 3 
Characterization of an Abdominal 

Aortic Velocity Wave from Patients 
with Abdominal Aortic Aneurysm 

Blood flow in axially symmetric aneurysms consists of toroidal vortices which form at the prox- 

imal end during flow deceleration and move distally throughout the cardiac cycle. In Chapter 

2 it was shown that flow patterns in patient specific geometries are significantly more compli- 

cated: the vortices are more likely to be crescent shaped than toroidal and are accompanied by 

helical flow. Haemodynamic wall parameters such as wall shear stress, oscillatory shear index 

and wall shear stress gradients were shown to be dependent on these flow characteristics. How- 

ever, the calculations in Chapter 2 were performed using boundary conditions obtained from 

measurements made on normal subjects. In this chapter Doppler ultrasound will be used to 

measure the blood velocity in patients with abdominal aortic aneurysm and the measurements 

will be used to produce an archetypal velocity wave which could then form the inlet boundary 

condition for numerical calculations of flow in aneurysms. 

3.1 Introduction 

The use of in vitro, see for example [77,114], and in silico [184] simulations in studying AAA 

haemodynamics and the interaction of blood with the arterial wall [172] has become popular. 

The results of both in vitro and in silico haemodynamics simulations are highly dependent on 

the flow conditions imposed [74] and yet there is only limited data in the literature on flow 

in aneurysmatic aortas. Whilst some patient specific studies use flow waves measured in the 

patient [ 182,185], the majority of studies are based on abdominal aortic flows taken from one 

of two papers: Mills et al. [90] measured blood velocity in the major arteries using a catheter tip 

velocity probe, which is an invasive method, and Olufsen et al. [132] used magnetic resonance 

imaging (MRI) to measure the flow at points along the aorta of a single healthy subject. Early 

work on arterial velocity and pressure relationships examined change in velocity and pressure 
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wave along the aorta in numerous species [32], including humans, but there are only very 

limited studies examining the variation in the velocity wave within the human population. In 

addition, the presence of the aneurysm was expected to affect the waveform. 

There are two noninvasive methods for measuring blood flow: Doppler ultrasound (US) and 
MRI. Of these only spectral Doppler US can be used routinely and has high enough temporal 

resolution to characterize the waveform. In this work Doppler spectra were recorded in the 

aortas of 31 patients with AAA. From these a population average velocity waveform was cal- 

culated based on feature points and the variation in velocity parameters within the population 

was determined. Flow information is also of interest in cardiovascular haemodynamics stud- 
ies. Womersley's solution for pulsatile flow in a rigid walled tube was used to calculate the 

flow wave in the normal section of the aorta, and a numerical study of the errors due to the 

differences in geometry from a straight tube was performed. 

3.2 Methods 

3.2.1 Patient Protocol 

31 patients gave informed consent to participate in the study. The study was given ethical 

approval by Lothian NHS Ethics Committee. All patients were attending for a routine diag- 

nostic scan of their AAA. The maximum diameter of the AAA was recorded and sizes of the 

aneurysms varied with a range of 3.6-6.4 cm (mean 5.0 cm). Each patient was supine for at 
least 15 minutes while their diagnostic scan was performed and then the Doppler US spectrum 

was recorded. Scanning was performed by Sarah Jane Carmichael and Margaret Glass at the 

Vascular Lab, Edinburgh Royal Infirmary. The Doppler spectrum was recorded for as long as 

possible but patient motion or breathing meant this was only a few cardiac cycles (mean 7, 

range 3- 12). Although it was sometimes possible to ask patients to hold their breath, often 

they could not do that. Of the 31 patients in the study, 10 Doppler spectra had to be excluded. 
There were 18 males and 3 females remaining and the age was (mean ± s. d. ) 75 ±8 years. 
Waveforms were included in the analysis if they passed a quality assurance test which rejected 

waveforms of low quality. Waveforms were excluded if there was clutter breakthrough which 

obliterated the blood flow signal for a significant proportion of the recording, and if it was clear 
from the waveform outline that the data had been acquired with an angle greater than 70°. 
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3.2.2 Doppler Ultrasound 

A Philips HDI 5000 (Philips Medical Systems, Bothell, USA) with a C5-2 (2.5 MHz) curvilin- 

ear probe was used to detect the blood velocities. The pulse repetition frequency (range 1.5 - 
8.3 kHz) was chosen such that there was no velocity aliasing. To minimize the blood velocity 
distribution the sample volume (SV) length was kept to a minimum that still ensured adequate 

signal quality. The SV length, as displayed on the scanner console, was recorded (mean 2.9 

mm, range 2-5 mm). The dimensions of the Doppler beam, at its focus and with clinical set- 

tings applied, were measured later (elevation plane: mean 3.6 mm, range 2.4 - 7.7 mm; scan 

plane: mean 2.1 mm, range 1.1 mm - 2.8 mm). 

The SV was positioned in the aorta, distal to the renal arteries and proximal to the bulge of 

the aneurysm. By moving the volume across the diameter of the aorta, the position with the 

maximum systolic velocity was found, thus ensuring that the quantity measured included the 

peak velocity within that section of the aorta. In a straight, cylindrical tube the position of the 

peak systolic velocity would lie on the centreline of the tube. Although this is not necessarily 

the case in a real artery the quantity measured was called the centreline velocity, and assumed 

to be the centreline velocity for the purpose of calculating the flow wave. The limitations of 

this assumption are discussed later. Figure 3.1 shows an example of one of the spectra beneath 

the small B-mode image showing its position. 

Figure 3.1: Example of a Doppler Spectrum with B-mode image for positioning. 
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The Doppler frequency spectrum, from the position in the abdominal aorta with the maximum 

velocity, was analysed using HDILab (Philips Medical Systems, Bothell, USA) to extract the 

peak frequency within the sample volume. The peak frequency was converted to peak velocity 

using the Doppler equation. 

3.2.3 Geometric Spectral Broadening 

Intrinsic spectral broadening results in a measured peak speed which is greater than the ac- 

tual peak speed in the sample volume [186-188], so it was necessary to correct the patient 
data. The largest contribution to the intrinsic spectral broadening arises from geometric spec- 

tral broadening [ 189,190]. A string phantom was used to investigate the degree of broadening 

by comparing the Doppler measured string speed with the known, actual, speed of the string. 
The ratio of measured to actual speed was found to vary as a function of the tangent of the 

Doppler angle, increasing from 1.13 at 25° to 1.54 at 70°. The correction was performed by 

dividing each patient's velocity wave by the correct ratio for the Doppler angle used to measure 

their spectrum. 

3.2.4 Data analysis 

The velocity waveforms were analysed using code developed in MATLAB 6.5 r. 13 (MathWorks 

Inc., Natick, MA, USA). For each patient the velocity waveform was gated into individual 

cardiac cycles based on thresholding the velocity. The individual cycles were aligned using 

cross-correlation. The variability in the heart rate affects the resting phase (diastole) so it is the 

length of the ̀ tail' that changes. The mean heart beat for each patient was found. A value for the 

mean patient velocity, at each time point, was found by averaging the data from all the cardiac 

cycles at that time point. Since the cycles were different lengths the mean patient velocity wave 

used data from fewer cycles at the `tail' end. The mean patient velocity wave was then trimmed 

to the length of the mean heart beat. The resulting, mean patient velocity wave was then called 

the Vcentre wave. 

Simply averaging the VCencýe waveforms acts as a low pass filter and blurs the features. Eight in- 

dividual patient VCenrre waves, normalized by maximum velocity, are shown in figure 3.2 along 

with their mean. The low pass filtering effect is most apparent on the maximum velocity, the 

mean of which is reduced to 0.9, and the minimum velocity. To avoid this low-pass filter- 

76 



Characterization of an Abdominal Aortic Velocity Wave from Patients with AAA 

1 

0.5 

> 
N 
N_ 

0 
E L 
Q 

C 

-0.5 

0 

-1 ' 
0 0.5 1 1.5 

time Is 

Figure 3.2: Individual patient velocity (! kentre) waves from 8 patients normalized to their max- 
imum peak velocity and the mean of these patient velocity waves. Spots show 
positions of minimum velocity. Note the low pass filtering effect on the positive and 
negative peaks which acts to reduce the size of these. 
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Figure 3.3: Automatic location of the characteristic points on an example patient waveform. 
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Parameter Definition 
Vo Velocity at T=0 
Vmax 

grad A Velocity at time of maximum gradient of acceleration 
Tmax grad A Time of maximum gradient of acceleration 
VHM Velocity at half maximum 
THM Times of velocity at half maximum 
Vmax Maximum velocity during systole 
Tmax Time of maximum velocity during systole 
To Time of zero crossing 
Vmin Minimum velocity 
Tmin Time of minimum velocity 
Vmax2 Maximum velocity during diastole 
Tmax2 Time of maximum velocity during diastole 
Tcycle Length of cycle 
Vcycte Average velocity over the cycle length 

Table 3.1: Characteristic points found for each VCentre waveform. 

ing effect the method used to define the population average waveform was based on that of 
Holdsworth et al. [191 ]. Characteristic points were used to define the Vicenne waveform for each 

patient. An automated routine was used to find the time and velocity at the characteristic points 

and these were then verified by graphical observation. A list of these characteristic parameters 
is given in table 3.1 along with an explanation of each one. Figure 3.3 shows an example of a 
Vicentre waveform and the automatically determined characteristic points. The population mean 

and standard deviation for each parameter were calculated. 

3.2.5 Normal Subjects 

In addition to the 31 AAA patients the same measurement procedure was also performed on 

normal subjects without AAA. There were 9 older subjects (6 male, 3 female, age range 48 - 
72) without AAA as well as 8 younger subjects (6 male, 2 female, age range 24 - 31). The 

older subjects were attending hospital for abdominal scans unrelated to their aorta and are 

called normal subjects here as they did not have AAA. Scanning was performed by Dr. Paul 

Allan. The younger subjects were volunteers who were assumed to be healthy as they had 

no diagnosed arterial disease. Scanning of the younger subjects was performed by Siobhan 

Meagher. In all the normal subjects the measurement site was just below the renal arteries. 
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3.2.6 Flow Wave 

The volumetric flow waveform is of interest in haemodynamic studies of the arterial system. 
As an example of how the archetypal velocity wave can be used, the flow wave associated with 
the Vicentre wave was calculated. 

Holdsworth et al. [191] used Womersley's solution for the velocity profile [179] of an oscil- 
lating fully developed, laminar flow in a long, straight, cylindrical, rigid tube, along with the 
Fourier-decomposed centreline velocity waveform: 

00 
Vicentre(t) _Y Re 

[Vcentre, 
ket(k(ut-ok}ý (3.1) 

k=0 

and Fourier decomposed mean velocity waveform: 

00 
Vmean(t) = Re 

[Vmeankeit1V1o)] 
(3.2) 

k=0 

to calculate the relationship between the Fourier coefficients for the centreline velocity Vcentre 

and the mean velocity Vmean. From [191], Womersley's solution for the velocity profile, as a 
function of the mean velocity: 

V(y, t) =Re Vmean, k (_Jo(k)-Jo(ky) 
)e'_}wk) 

(3.3) JO (TO 
-1(Zk)%Tk 

where Jo and Jl are the zeroth and first order Bessel functions of the first kind, Re{ .} denotes 

the real part, y is the radial position normalized to the vessel radius, R, and rk = aki3/2, where 
ak is the Womersley number of the kth harmonic, a=R kam' and v is the kinematic viscosity 
of blood. 

Holdsworth et al. [ 191 ] then considered this equation at the centre of the tube, when y=0: 

v(0, t) ==Re Vmean, k 
-10`TO -1 

ei(k(ot-Vk) (3.4) JO(TO -l 
(TO/Tk 

Then recognizing that v(0, t) is simply the kth term of VCentre they equated the real parts to get 
an equation for the relationship between the Fourier coefficients of Vcentre (t) and Vmea� (t) : 

Vmean, ke-iVk - Vicentre ke-iOk 
(Jo() 

- 2. Ji (Zk)/rk 

' JO(ik) -1 
(3.5) 
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The Womersley solution for velocity depends on both spatial and temporal position. At the 

time of peak systolic flow the position of the maximum velocity is located on the centreline of 

the tube. So, by finding the radial position in the tube with the highest velocity, in both space 

and time, the centreline has been located. Then, by measuring the velocity in this position the 

centreline velocity has been recorded and the above equation can be used to calculate the mean 

velocity from it. 

In order to calculate the flow rate from the centreline velocity the diameter of the artery is 

required as well as an assumption of the velocity profile across the artery. The diameter of 

the abdominal aorta in AAA patients was found by measuring the aorta on 3D reconstructions 

of contrast enhanced computed tomography (CT) scans of a group of 8 AAA patients. CT 

scans were used for measuring the diameter, rather than B-mode US on the same patients as the 

spectral measurements, as the lumen is much more clearly defined. The mean of these measures 

was used as a typical abdominal aortic diameter in AAA patients. 

The flow wave was then calculated as the product of the mean velocity and cross sectional area, 
based on the mean abdominal aortic diameter and assuming a circular lumen. This resulted 
in a flow wave which gave velocity profiles with VCentre on the axis. The limitations of the 

assumption of fully developed (Womersley) flow are discussed later. 

3.2.7 Error in Womersley Prediction Due to Geometry 

The flow wave, in the section of the aorta distal to the renal branches and proximal to the 

aneurysm, was calculated by assuming fully developed flow in a long, straight, rigid tube with 

circular cross section. In this case the velocity profile across the artery is given by Womersley's 

solution [179] and the mean velocity in the cross section was calculated from the archetypal 

centreline velocity. In reality, however, at the measurement site the aorta is curved and about to 

open out into an aneurysm, the flow is not fully developed, the walls are flexible and the flow 

is likely to be turbulent [ 192]. 

The effects of three geometric deviations from a long, straight tube, on the relationship between 

Vcentre and mean velocity, were examined using CFD. Flow was calculated in three tubes: a 

straight tube, a curved tube (radius of curvature = 50 cm) and a tube with a bulge (radius = 4.2 

cm). The tubes were all circular in cross section and had an inlet radius of 1.4 cm. The inlet 

boundary condition for the straight tube was a flat velocity profile, to mimic the velocity profile 
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from the heart, while the bulged and curved tubes had fully developed profiles. All gave the 

archetypal flow rate found in this study. Models of three different types of tube were created 

in Gambit v. 2.2.30 (Fluent Inc., Lebanon, New Hampshire, USA), as described below, and 

Fluent v. 6.2.16 (Fluent Inc., Lebanon, New Hampshire, USA) was used to solve the Navier 

Stokes equations. 

3.2.7.1 Straight Tube 

The geometry for the straight tube is shown in figure 3.4. The tube length was 30 cm which was 

chosen to be of the same order of magnitude as the aorta. The calculation was performed in 2D 

since the geometry has cylindrical symmetry about the x axis. After a mesh independence study 

(with meshes of 1800,6200 and 24000) the model contained 24000 quadrilateral elements. In 

a straight tube the maximum temporal velocity occurs on the centreline. So the velocity at 4 

points on the centreline was calculated along with the mean velocity across the tube. The mean 

velocity, assuming a Womersley profile, was then calculated from the peak velocity and this 

was compared with the CFD result for the mean velocity. 

30 cm 

1.4 cm 

Scm 5cm 5cm 5cm 5cm 5cm 

Figure 3.4: Straight tube geometry 

3.2.7.2 Curved Tube 

A curved tube model was created (figure 3.5) with radius of curvature of 50 cm. The calcu- 

lations were performed in 3D and the symmetry plane was used to model just half the flow 

domain. After a mesh independence study (with meshes of 12075 and 84150 elements) the 

curved tube had 84150 hexahedral elements. 

In a curved tube the peak velocity occurs off the centreline, some way towards the outer wall 

of the bend. The spatial position of the peak was found by projecting the velocity vectors on 

specific planes onto the normals of those planes and then finding the largest. This analysis 

was carried out in Matlab v. 6.5 r. 13 (The Mathworks Inc., Natick, MA). The velocity, in the 

direction normal to the analysis planes, at these points was calculated throughout the cycle. The 

81 



Characterization of an Abdominal Aortic Velocity Wave from Patients with AAA 

mean axial velocity on each of the planes was also calculated. This `peak' velocity waveform 

was then used to calculate a ̀ mean' velocity waveform assuming a Womersley profile, and this 

was compared with the CFD result for the mean velocity. 

10 cm radius of curvature = 50 cm 

plane 1 

5 cm '. 
plane 2 

5 cm plane 3 

5 cm plane 4 

5cm 

Figure 3.5: Geometry of curved tube 

3.2.7.3 Aneurysm 

An aneurysm was made from a parabola-exponential shaped bulge in a straight tube and was 

modelled in 2D. The geometry is shown in figure 3.6 and more details of the geometry are given 

in Chapter 5. After a mesh independence study (with meshes of 7894,28455 and 105565) the 

model contained 105565 quadrilateral elements. The aneurysm had a diameter of 8.4 cm and 

there was a 20 cm straight tube before the bulge. The region of interest is that proximal to the 

aneurysm. The peak velocity lies on the centreline, so the centreline velocity and mean velocity 

across the tube was calculated at points along the straight section before the aneurysm. 

20 cm 

1.4 cm 

35 cm 

Figure 3.6: Geometry of tube with a bulge 

1cm 
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3.3 Results 

3.3.1 AAA patient Velocity Wave 
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Figure 3.7: The population averaged Vcentre waveform showing characteristic points with error 
bars showing the inter subject standard deviation in the parameters. 

The population averaged VCe�tre waveform is shown in figure 3.7 with the characteristic points 

and their standard deviations. Detailed information about the characteristic points is given in 

table 3.2. The velocity wave is typical of that from the abdominal aorta in that it is triphasic; a 

large systolic maximum (V 45 cm s-1) is followed by a negative peak (V -15 cm s-1) and 

a second, much smaller, maximum (V = 2.7 cm s-1) during diastole. The shape of the abdom- 

inal aortic velocity, or flow, wave can be explained as a distortion of the ascending aortic flow 

wave. As explained by Nichols and O'Rourke [32], the ascending aortic flow wave is driven 

by the pressure gradient between the left ventricle and the aortic root: as the ventricles contract 

there is a rapid rise in pressure until the aortic valve opens releasing a rapidly accelerating jet 

of blood. As the ventricular pressure then decreases the blood decelerates until the aortic valve 

closes. The result is a flow wave consisting of a large forward pulse followed by a small amount 

of negative flow as the aortic valve closes. As the flow wave travels down the aorta the flow 

oscillation diminishes due to both damped resonant reflection from the peripheral vessels and 

damped propagation. Backflow is more apparent in the abdominal section of the aorta below 

the renal arteries since flow in these branches is always forward. 

83 



Characterization of an Abdominal Aortic Velocity Wave from Patients with AAA 

parameter units mean std min max 
Vo cm s- -0.54 3.09 -5.74 7.05 

Vmax 
grad A Cm S 2.01 4.08 -2.90 16.52 

Tmax grad A s 0.04 0.02 0.01 0.11 
VHM cm s-1 22.52 6.40 10.52 35.59 
THM s 0.27 0.07 0.04 0.02 
THM s 0.19 0.04 0.34 0.13 
Vmax cm s-1 45.04 12.80 21.04 71.19 
Tmax s 0.14 0.03 0.09 0.21 
To s 0.34 0.08 0.24 0.61 

Vmin cm s-1 -15.20 10.94 -37.26 3.72 
Tmin s 0.40 0.11 0.28 0.76 
Vmax2 cm s-1 2.67 4.69 -4.73 14.23 
Tmax2 s 0.69 0.20 0.36 1.10 
Tcycle s 0.93 0.20 0.57 1.28 
Vcycle cm s-1 7.42 6.44 -0.59 22.36 

Table 3.2: Characteristic point parameters 
, 
for AAA patients 

There was no correlation between any of the characteristic point parameters and the diameter 

of the aneurysm. 

3.3.2 Normal Subject Velocity Waves 

3.3.2.1 Older Normals 

The older subject averaged waveform with characteristic points and their standard deviations is 

shown in figure 3.8. The characteristic point parameters are given in table 3.3. The older subject 

waveform oscillates more than the AAA patient waveform with a peak velocity of 57 cm s- l, 

a minimum velocity of -19 cm s-1 and a second maximum of 8 cm s-1. 

For fair comparison between healthy normals and AAA. patients it was necessary to use only 

the age matched members of the groups. Vcentre waves for 6 of the older normal subjects (age 

(mean f s. d. ) = 64 f6 years) and 6 age matched AAA patients (66 *4 years) were compared. 

No significant differences in any of the characteristic point parameters were found between the 

two groups. However, the group sizes used were very small and further investigation with larger 

groups would be required to confirm this. 

84 



Characterization of an Abdominal Aortic Velocity Wave from Patients with AAA 

0.6 

0.4 

E 
y 0.2 U 
O 
4) 

0 

-0.2 

0 0.2 0.4 0.6 0.8 
time /s 

Figure 3.8: The averaged Vcentre waveform for older normal subjects showing characteristic 
points with error bars showing the inter subject standard deviation in the parame- 
ters. 

parameter units mean std min max 
Vo cm s- -1.58 5.99 -13.93 5.87 

Vmax 
grad A cm s-1 -0.36 5.42 -10.86 5.51 

Tmax grad A s 0.04 0.02 0.02 0.07 
VHM cm s-1 28.70 10.38 11.40 49.52 
THM s 0.24 0.07 0.04 0.02 
THM s 0.16 0.04 0.28 0.10 
Vmax cm s- 1 57.40 20.75 22.80 99.03 
Tmax s 0.13 0.03 0.07 0.19 
To s 0.29 0.04 0.22 0.36 

Vmin cm s-1 -18.50 13.49 -45.45 2.35 
Tmin s 0.33 0.04 0.26 0.41 
Vmax2 cm s-1 8.04 6.42 -2.54 15.27 
Tmax2 s 0.56 0.13 0.40 0.81 
Tcycle s 0.79 0.09 0.72 1.00 
Vcycte cm s-1 10.90 2.76 6.88 15.44 

Table 3.3: Characteristic point parameters for older normal subjects 
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3.3.2.2 Younger Normals 

The volunteer averaged waveform with characteristic points and their standard deviations is 

shown in figure 3.8. The characteristic point parameters are given in table 3.4. The volunteer 

waveform oscillates more than both the AAA patient waveform and the older normal subject 

waveform with a peak velocity of 68 cm s-1, a minimum velocity of -20 cm s-1 and a second 

maximum of 18 cm s- 1. 

T-tests on the characteristic points of the older and younger normal subject velocity waves 

showed a significant difference in the second (diastolic) maximum velocity (P < 0.013). The 

increase in the size of this second peak in the younger subjects volunteers, as compared with the 

older subjects, can be explained as a consequence of the higher pulse wave velocity (PWV) in 

older people [193]. The higher PWV is due to arterial stiffening which is a general symptom of 

old age regardless of specific localized atherosclerosis. The higher PWV means that the pulse 

wave from the aortic root is reflected sooner. As a result, the second peak occurs earlier altering 

the waveform [32]. 
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Figure 3.9: The averaged Vcentre waveform for younger normal subjects showing characteristic 
points with error bars showing the inter subject standard deviation in the parame- 
ters. 
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parameter units mean std min max 
Vo cm s- 4.93 14.21 -21.92 25.06 

Vmax 
grad A cm s-1 1.94 14.22 -26.47 15.92 

Tmax grad A s 0.04 0.02 0.00 0.06 
VHM cm s-1 34.42 9.32 19.07 49.71 
THM S 0.25 0.07 0.03 0.02 
THM s 0.19 0.03 0.29 0.09 
Vmax cm s-1 68.84 18.63 38.14 99.42 
Tmax s 0.12 0.03 0.07 0.14 
To s 0.32 0.05 0.24 0.37 

Vmin cm s-1 -20.33 16.19 -51.94 -2.11 
Tmin s 0.37 0.05 0.31 0.47 

Vmax2 cm s-1 17.98 7.97 4.27 27.99 
Tmax2 S 0.58 0.06 0.48 0.65 
Tcycle s 1.00 0.12 0.83 1.13 
Vcycle cm s-1 15.34 10.51 -1.99 29.56 

Table 3.4: Characteristic point parameters for younger normal subjects 
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3.3.3 AAA Patient Flow Wave 

The mean aortic diameter in 8 AAA patients was 2.22 + 0.29 cm. To obtain an archetypal flow 

waveform for AAA patients this diameter was used with the centreline velocity waveform to 

calculate the flow rate assuming a Womersley profile. This is shown in figure 3.10. The mean 

flow throughout the cardiac cycle was calculated as 13.3 ml s-1. 
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Figure 3.10: The flow wave for AAA patients and mean flow throughout the cardiac cycle. 

3.3.4 Error in Womersley Prediction of Flow Rate Due to Geometry 

Womersley's solution is only valid for fully developed flow in straight rigid tubes. To estimate 

the error involved in applying the solution when the geometry deviates from a long straight tube 

mean velocities in three different tubes were compared with the Womersley prediction. 

3.3.4.1 Straight Tube 

The mesh convergence study [ 194] (Chapter 5 contains more details of mesh convergence) gave 

an average value of 1.0 for the order of convergence showing that the calculation is, on average 

accurate to first order. The ordered error estimate was 2.5 % and the GCI (grid convergence 

index) was 7.5 %. The calculations used in the mesh study were in the asymptotic range since 
GCI2 3/rP GCI 12 = 0.95 . 
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Centreline and mean velocity waves for points at 5,10,15 and 20 cm from the inlet are shown 

in figure 3.11. The mean velocity, as calculated from the centreline velocity by assuming Worn- 

ersley flow, is also shown and the absolute error is plotted on a different axis. The largest errors 

occur during the deceleration phase. The mean error throughout the cardiac cycle decreased 

with distance in to the tube from 1.9 cm s-1 at 5 cm to 1.1 cm s-1 at 20 cm and was similar 

at 25 cm. If the tube was longer the error would eventually reach 0 cm s-l but the aim of this 

experiment was to determine the approximate errors in a tube the length of the aorta. At the 

level of the abdominal section, say 15 cm from the heart, the maximum error is 3.0 cm s- 1 and 

mean error is 1.3 cm s-1. 
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Figure 3.11: Straight tube: Comparison of the mean velocity (Vmean) and the estimated 
mean velocity (Vwomerstey) with the error (absolute difference between Vmean and 
Vwomersiey) shown on the right hand axis. 
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3.3.4.2 Curved Tube 

The calculations were performed using second order equations so they were assumed to be 

accurate to second order. This gave an ordered error estimate of 4.9 % and a GCI of 15 %. 

Velocity waveforms and the error in the estimated mean velocity for the curved tube are shown 

in figure 3.12. The largest errors occur at the times of peak speed. The mean error throughout 

the cardiac cycle does not decrease with distance along the tube. The maximum error was 

5.1 cm s-1 and mean 1.7 cm s-1 at 20 cm. 
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Figure 3.12: Curved tube: Comparison of the mean velocity (Vmean) and the estimated 
mean velocity (VWomersley) with the error (absolute difference between Vmean and 
Vwomersley) shown on the right hand axis. 
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3.3.4.3 Aneurysm 

The mesh convergence study gave an average value of 6.2 for the order of convergence showing 

that the calculation is accurate to at least second order. The ordered error estimate was 1.5 % 

and the GCI (grid convergence index) was 4.3 %. The calculations used in the mesh study were 
in the asymptotic range since GCI23/rPGCI12 = 1.06. 
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Figure 3.13: Variation in mean error (absolute difference between Vmean and Vwomersley) with 
distance proximal to aneurysm. 

The variation in mean error with distance from the aneurysm is shown in figure 3.13. Velocity 

waveforms and the error in the estimated mean velocity for the bulged tube are shown in figure 

3.14. Plots are shown for positions from just before the aneurysm up to 8 cm proximal to the 

aneurysm. Errors decrease rapidly with distance from the aneurysm: at 0 cm the maximum 

error is 5.9 cm s-1 and mean is 2.3 cm s-l while at 4 cm the maximum is 2.5 cm s-1 and mean 

is 1.2 cm s-1. 

3.4 Discussion 

In this study the centreline velocity (VCentre) waveform has been measured rather than the mean 

velocity waveform or the flow rate. The choice of Vcentre was made as it is known that velocity 

within a given blood vessel is similar across the population, with haemodynamic scaling laws 

predicting that the blood velocity in a vessel is independent of body weight [195]. This scaling 
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Figure 3.14: Bulged tube: Comparison of the mean velocity (Vmean) and the estimated 
mean velocity (Vuomersiey) with the error (absolute difference between Vmea,, and 
Vwomersiey) shown on the right hand axis. 
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law actually underpins much of Doppler clinical practice where diagnostic criteria are based on 

velocity and not volume flow. 

The archetypal Vcentre velocity wave for AAA patients was not found to be significantly different 

to that of age matched normal subjects which suggests that the presence of the aneurysm does 

not significantly alter the velocity wave. This is perhaps unexpected. The main reason for 

differences in velocity waves is the pulse wave velocity (PWV) of the arteries [32]. The PWV 

is determined by the arterial stiffness and AAA tissue has been shown to be stiffer than age 

matched abdominal aortic tissue [149] which may be expected to produce a different velocity 

wave in AAA patients compared to normal subjects. It may be possible to attribute the similarity 
between the velocity waves to the localization of the aneurysmal disease. The velocity wave is 

determined by pulse wave propagation, and reflections, from the whole arterial tree and not just 

a single artery. However, the group sizes used were very small and more studies would need to 

be performed to clarify this. 

The older and younger normal subject velocity waves were found to have significantly different 

diastolic maxima which can be attributed to the increase in PWV in older subjects [32]. This 

suggests that in vitro and in silico modelling of blood flow in AAAs should be performed using 

an inlet velocity, or flow, boundary condition obtained from an older subject, if not an AAA 

patient. 

The velocity wave found here may be used to calculate the input velocity profile for numerical 

studies of AAA haemodynamics in non specific geometries, or the flow wave may be used as 

input to similar in vitro studies. Patient specific computational fluid dynamics (CFD) studies 

require 3D vascular geometry entry and exit boundary condition data. While the 3D data is 

readily available as aneurysm patients routinely undergo CT, velocity data are not so routinely 

available. In these cases, where patient specific velocity data are not available, the popula- 

tion averaged VCen e waveform from this study could be used to provide the appropriate input 

boundary condition. 

3.4.1 Characteristic Feature Point Method 

The task of finding a typical velocity wave, from the aorta of patients with AAA, could have 

been approached by averaging appropriately scaled individual velocity waves. However, phase 

shifts between the individual waves would then act as a low pass filter to blur the features. 
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The effect is most obvious in regions of rapid change, such as at the maximum and minimum 

velocities, as shown earlier (in figure 3.2). The method used instead was to define recognizable 

points on the individual waves and use the means of these to create a representative wave. 

The disadvantage of the feature point method is that the characteristic points might not be able 

to define the velocity wave well in all areas, especially if the wave has a non standard shape. 

To assess how well the characteristic points defined the individual patient waves, the error in 

the synthesized wave was calculated as the absolute difference between the velocity wave and 

the wave synthesized from the characteristic points. The mean error in all the patients was 
2.6 ± 0.9 cm s-1 (range 1.1- 4.4 cm s-1). 

3.4.2 The Waveforms 

The quality of abdominal US is lower than that of peripheral vascular US. Since attenuation in- 

creases with frequency, the extra distance travelled by the US beam requires a lower frequency. 

This reduces spatial resolution as well as reducing the Doppler frequency, leading to inferior 

image quality and Doppler trace. The scattering of US by blood is proportional to the fourth 

power of frequency [ 196] so the lower frequency beam gives a smaller back scattered signal 

power. Use of a curvilinear probe means it is not possible to take advantage of beam steering 
[ 197] which is used to improve the Doppler angle in peripheral vessels. In addition, the quality 

of the patient spectra may be reduced by turbulence, which broadens the Doppler spectrum, and 
breathing artefacts which occur if the sample volume moves. In this study only spectra which 

passed a quality assurance test, as described in the methods section, were used to create the 

archetypal waveform. 

Table 3.5 shows a list of velocity and flow measurements from other studies in the literature 

which can be compared with the velocity and flow waves found here. Vm found by Vieli et 

al. [95] using Doppler US was 18 cm s-1 higher than for the young normal subjects in this 

study (P = 0.029) and Vmin was 12 cm s-1 lower than in this study (P = 0.076). Vieli et al. 
[95] did not correct for geometric spectral broadening, which reduced Vm by 28 + 5% in this 

study. Vmax and Vmin in the AAA patients and older normal suubjects in this study were both 

significantly different to the healthy subjects in the study by Vieli et al. [95] although Vmax was 
in the range given by Stein et al. [198]. 

The calculated maximum flow, Qn,, for AAA patients is 20 % higher than the maximum flow 

94 



Characterization of an Abdominal Aortic Velocity Wave from Patients with AAA 

method mean std units N age reference 
Vmax 

Hot-film catheter 19-52 cm s_i 7 Stein et al. [198] 
Doppler US 87 13 cm s-l 10 24-32 Vieli et al. [95] 

MRI 77 18 cm s-I 10 24-32 Vieli et al. [95] 
Vmin 

Doppler US -32 9.9 cm s-1 10 24-32 Vieli et al. [95] 
MRI -33 8.1 cm s-i 10 24-32 Vieli et al. [95] 

Qmax 

MRI 120 rn1 s-1 1 35 Long et al. [147] 
MRI 118 8 ml s-1 4 21-31 Wedding et al. [ 1061 

Qmin 

MRI -30 ml s-1 
MRI -23 13 ml s-1 

135 Long et al. [ 147] 
4 21-31 Wedding et al. [ 106] 

Qcycle 

MRI 15 7 ml S-1 11 20-28 Taylor et al. [99] 
MRI 15 5 ml s-1 8 50-70 Cheng et al. [ 100] 

Table 3.5: Velocity and f ow data from the literature 

in the studies on healthy subjects obtained from the literature. The mean flow, Qcycle, is 10% 

smaller than the mean flows given and within the standard deviations. The larger Q,,, with 

a slightly smaller Qcycle is probably attributable to the much higher temporal resolution of US 

(100 Hz) compared with MRI (about 16 Hz) which allows the peak to be fully resolved. 

The diameter used to calculate the flow rate, 2.22 + 0.29 cm, was an average of 8 patients and 

is in line with that of [ 199], who measured aortic diameter proximal to AAA in 39 patients, and 

found it was 2.67 ± 0.61 cm. 

3.4.3 Womersley assumption 

The flow wave, in the section of the aorta distal to the renal branches and proximal to the 

aneurysm, was calculated by assuming Womersley's solution [179] for the velocity profile. In 

reality, however, the aorta is not a straight tube with fully developed flow, and in addition the 

walls are flexible and the flow is likely to be turbulent [192]. Velocity profiles in the normal 

aorta have been measured by Vieli et al. [95], for example, who found the velocity profiles 

were skewed, particularly during reverse flow, which is probably due to the curvature of the 

aorta. 
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The effects of three geometric deviations from a long, straight tube, on the relationship between 

Vcentre and mean velocity, were examined using CFD. The velocity, at the spatial position con- 

taining the peak systolic velocity (called the `centreline' velocity (Vcentre) although it was not 

necessarily found on the centreline), and the mean velocity over the cross section were calcu- 
lated. The mean velocity was also calculated from Vcentre, by assuming a Womersley velocity 

profile, and this was compared with the actual mean velocity. The errors at peak systole were: 

straight tube, at 15 cm from the inlet, 1.0 cm s- 1, curved tube, 4.2 cm s-1, bulged tube, 2 cm 

upstream of the bulge, 1.0 cm s-1. Adding these errors in quadrature gave an absolute error of 
4.4 cm s-1 which is 14% of the mean velocity at peak systole and amounts to a 21 ml s-1 error 
in the peak systolic flow rate. 

In addition to this estimate of the error in the calculated flow rate due to tube curvature and 
bulge, there will be an error due to the turbulence. However, in a large artery such as the aorta, 
the resistive component is small compared to the inertial component. Hence laminar profiles 

are plug-like and turbulent deviations should only make a small difference to that predicted by 

the laminar theory [32]. 

There will also be errors due to the flexible walls and helical flow from the heart and aortic 

arch [200]. Helical flow results in symmetry breaks which may be important and should be 

investigated in future work. It is accepted that all these deviations from the conditions required 
for Womersley flow are a limitation of this method for estimating the volumetric flow waveform, 

and that in vivo the true flow waveform may be modified by these effects. 

3.5 Conclusions 

Velocity waves were measured in AAA patients just proximal to the neck of the aneurysm at 

the position with the highest peak systolic velocity. Characteristic feature points from 21 of 

these waves were used to create an archetypal velocity wave and measure interpatient variabil- 
ity. The waveform was triphasic with a maximum velocity of 45 + 13 cm s-1, a minimum of 

-15 f 11 cm s-1 and a second maximum of 2.7 + 4.7 cm s-1. 

The diastolic maximum velocity was significantly different in younger subjects compared to 

that in older subjects. Simulations of blood flow in abdominal aortic aneurysms should use 

inlet flow conditions based on measurements made in either AAA patients, or subjects of the 

same age as AAA patients. 
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The velocity, Vicentre, wave was used to calculate a typical flow wave for the abdominal section 

of the aorta in AAA patients. The diameter was taken as the mean diameter of the aortas of 8 

AAA patients and was 2.22 cm. The flow was assumed to be fully developed flow in a straight 

tube. A numerical study of the errors in this assumption due to geometrical differences of the 

aorta from a straight tube gave an error estimate of 14 % at peak systolic flow. 

The velocity wave and characteristic point parameters found here can be used in CFD or in 

vitro AAA flow studies to investigate the effects of variation amongst the population on flow 

parameters such as vortices, wall shear stress and oscillatory shear index. 
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Chapter 4 
Comparison of Computational Fluid 
Dynamics with Magnetic Resonance 

Measurements 

Flow in abdominal aortic aneurysms influences disease progression in a number of ways, for 

example via: platelet activation, flow stagnation and platelet deposition leading to thrombo- 

sis; macrophage concentration gradients; and shear stresses and shear stress gradients on the 

endothelium. Detailed predictions of AAA haemodynamics can be made using computational 
fluid dynamics, as in Chapter 2, and these may help to elucidate the connections between the 

blood flow and pathology. However, the flow fields in physiologically correct aneurysms appear 

to be very complicated, with temporally varying vortices, and recirculation, as well as helical 

flow. There is a need for validation of results in all in silico studies of arterial blood flow, 

but with such complicated flow fields, aneurysms have, perhaps, one of the greatest needs. In 

this chapter the numerical flow will be validated by comparison with measurements made by 

magnetic resonance imaging. 

4.1 Introduction 

Before numerical results can be trusted to advise clinicians, or even in collaboration with bi- 

ological data for determining biomechanical relationships, it is vital that confidence in their 

accuracy is gained, and their error margins are obtained. Errors in numerical simulations of 
blood flow in vivo arise from a whole range of sources, from numerical errors in the com- 

putational fluid dynamics (CFD) code, to uncertainty in the boundary conditions obtained by 

measurements made in vivo. 

Excluding coding errors, or `bugs' in the software, and incorrect use of the code by the user, 

errors in CFD arise for numerical reasons [133]. Roundoff errors result from the use of a finite 

number of significant digits to represent a real number. They are limited by performing cal- 

culations such that subtraction of nearly equal numbers, and addition of numbers with a large 
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difference in magnitude, are avoided. Iterative convergence errors arise from truncation of it- 

erative sequences and are controlled by specifying tolerances on the residuals. Discretization 

errors are produced by approximating spatial and temporal derivatives in the governing equa- 

tions. They are restricted by careful mesh design and analysed by mesh convergence studies. 

Uncertainties in CFD models are associated with discrepancies between the real flow and the 

CFD model, either in the input data or in the physical models used [133]. Discrepancies in the 

input data are: uncertainty in the geometry of the domain because it is not possible to make 

an exact model and because the mesh is a discrete representation; uncertainty in the boundary 

conditions because it is not possible to measure them accurately; and uncertainty in the fluid 

properties, such as density and viscosity, which may arise from their dependence on the flow 

conditions or on uncertainty in measuring them. The application of physical submodels, such as 

turbulence, leads to uncertainty because these models have been developed for a limited range 

of flows: in using them to model other flows the data they are based on must be extrapolated 
[133]. 

Verification is the process of determining that a model implementation accurately represents the 

developer's conceptual description of the model and quantifies the error [13 3]. The commercial 

code Fluent has been verified [201] and here it is assumed that numerical errors, with the 

exception of discretization error which will be investigated, are small compared to uncertainties 

produced by differences between the model and the real flow. 

Validation is the process of determining the degree to which a model is an accurate represen- 

tation of the real world and quantifies the uncertainty [133]. A simulation is considered to be 

validated if the differences between its results and experimental data are small and if uncertain- 

ties in the experimental results are small [133]. CFD models can be validated against in vitro 

models and against the in vivo situation and there are advantages and disadvantages of both. 

Validation against in vitro results requires a phantom of the correct artery. This may either be 

anatomically correct (for example [202]) or simplified to illuminate the general characteristics 

of the flow (for example [202,203]). The input uncertainties in in vitro models are relatively 

small. The models can be constructed precisely from mathematical descriptions of the geom- 

etry [204], or imaged precisely, for example using high resolution photography [205] or high 

resolution x-ray computed tomography (CT) [206] which limits the uncertainty in the domain 

geometry. The inlet velocity profile can be made to be fully developed by adding an inlet length 
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to the upstream end of the model or, if the profile is more complicated it can be measured ac- 

curately with optical methods, or if less precise in vivo methods are used for measuring the 

velocities, the inlet profile can be scaled by the flow rate measured using a flow meter which 

significantly improves the results [145]. In vitro validation permits the use of precise opti- 

cal measurement techniques such as particle image velocimetry (PIV) [113] or laser Doppler 

anemometry (LDA) [146], techniques which have a small experimental uncertainty and there- 

fore can provide increased confidence in the CFD, that is if the CFD and experimental results 

agree. 

Comparison of numerical studies and flow in phantoms have provided substantial evidence 

that CFD can model complex flow in realistic artery geometries [174]. Budwig et al. [109] 

compared numerical results for steady, laminar flow in a symmetrical aneurysm with exper- 
imental flow visualization using fluorescent beads, measurements of velocity with LDA and 

measurements of wall shear stress (WSS) made with a hot film anemometer probe. The flow 

visualization showed there was qualitative agreement between the numerical and experimental 

streamlines. The numerical velocities agreed with LDA measurements within the limits of un- 

certainty, but the authors note that uncertainties in the recirculation are relatively large as the 

velocities are small in this region. Egelhoff et al. [74] performed similar studies with pulsatile 
flow and found good general agreement between simulation and experiment but found some 
discrepancy in the position of the vortex centre which they attribute to the finite length of time 

over which the pathlines were produced (one sixth of the cycle). Yu et al. [113] compared 
PIV results with numerical simulations of flow in symmetrical aneurysms and found good gen- 

eral agreement except at the upstream end of the bulge at the beginning of the cycle and their 

suggested reasons for this are: errors in the measurements in that region due to stray light re- 
flections there, or sensitivity of the flow in this region to the upstream boundary layer and vortex 
impingement downstream. 

There are far fewer validation studies in more realistic AAA geometries. As part of their study 

on the impact of stent grafts on AAA flow, Frauenfelder et al. [207] compared gas bubble 

streamlines in a patient-specific silicon model of one of the patient aneurysms with numerical 

streamlines. The qualitative agreement in the path of the main jet and the positions of the 

vortices is good, but they did not attempt any quantitative comparisons. 

Validation against in vitro results has shown that, in the arteries in which it has been attempted, 
CFD can reliably model the flow [174]. However, these studies cannot determine whether CFD 
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can predict the haemodynamics in vivo. In vivo validation studies are much more difficult as 

the input uncertainties are much larger than those for experiments, and the in vivo velocity mea- 

surements have much larger uncertainties. The accuracy of reconstructed geometries depends 

on the resolution of the imaging method used and also on the reconstruction technique. While 

different reconstructions of a carotid bifurcation model from MRI scans were all very similar, 

and had a geometry error of < 0.15 mm, the geometry of an in vivo carotid bifurcation was 

significantly affected by the reconstruction technique used [204]. The in vivo velocity mea- 

surement techniques, Doppler US and PC-MRI, both suffer problems preventing them from 

providing reliable validation results. Colour Doppler cannot resolve the low reverse velocities 
found in the aneurysm bulge [116] and has difficulty capturing the whole 3D field. PC-MRI is 

more promising but suffers a number of artefacts which become more important during physi- 

ological flow conditions [174]. If a reliable measurement method was available there would be 

no need to calculate the flow. 

Steinman et al. [176] found good agreement between PC-MRI measurements and CFD in the 

carotid bifurcations of two volunteers. In studies on the healthy aorta, Jin et al. [148] showed 
that when wall motion was incorporated they could predict velocities in the aortic arch, and 
Long et al. [147] found small differences of 3-52 % between PC-MRI and simulation results 

proximal to the aortic bifurcation. There is one study which compares PC-MRI and CFD results 
in abdominal aortic aneurysms. Kose et al. [208] used PC-MRI registered with CT scans for 

validation of numerical simulations using the CT scans for the geometry and the PC-MRI for 

the inlet boundary data and the experimental validation. Their results show good qualitative 

agreement and, although they do not agree quantitatively everywhere, the RMS error is only 
2-5 cm s- 1. However, aneurysms in only two patients were investigated in this study, and 

since AAA geometries are wide ranging, good agreement in some does not necessarily mean 

the same is true for others. Other issues with their study include first order accuracy in the CFD, 

the fairly limited number of mesh elements, and lack of an attempt to quantify the mesh error. 

The aim of this chapter is to validate patient-specific simulations of AAA haemodynamics 

against PC-MRI measurements. The method described in Chapter 2 used a measurement of the 

centreline velocity in the healthy section of the aorta, and the derived fully developed veloc- 
ity profile, as the inlet boundary condition. In this chapter simulations based on an equivalent 

method are compared with simulations which use patient specific flow rates, as well as simula- 
tions which use the full patient specific inlet velocity profile. 
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4.2 Methods 

4.2.1 Patient Protocol 

Three subjects (two male, ages 83 and 73 years, and one female, age 57 years) gave informed 

consent to participate in the study. The study was given ethical approval by Lothian NHS 

Ethics Committee. All subjects had previously been diagnosed with AAA and were scheduled 
for surgical repair. The subjects underwent an MRI scan to measure the geometry and flow 

within the aneurysm, and then had pressure tonometry on their radial artery, which along with 

the systolic and diastolic pressure, as measured with a brachial cuff, was used to estimate the 

pressure in the aorta. 

Subjects did not consume alcohol, caffeine or tobacco for at least 4 hours prior to the study. The 

subjects had the MR scan first. A Philips (Koninklijke Philips Electronics N. V., Amsterdam, 

Netherlands) Gyroscan Intera 1.5 T MR scanner was used to obtain cardiac gated transverse 

images at intervals (9.4 - 10.0 mm) along the aneurysmal section of the aorta and at 16 points 

throughout the cardiac cycle. Cardiac gated images of the z component of the blood velocity 
(QFlow images) were obtained on three transverse planes: one just proximal to the aneurysm, 

one midway through the aneurysm and one at the start of the iliac arteries. The subject lay 

supine for the MR scan which took about 1 hour. MRI scanning was performed by Tristan 

Lawton and colleagues in the Radiology Department, Edinburgh Royal Infirmary. 

After the MR scan the subject underwent pressure tonometry. Pressure tonometry is a technique 

which uses a small probe to measure the blood pressure wave non invasively at a pulse point. 

There are various transfer functions based on one-dimensional models of the arterial system, 

which can be used to calculate the pressure in other arteries based on the pressure wave obtained 

at the pulse point, a method known as pulse wave analysis. A SphygmoCor pressure tonometry 

system (AtCor Medical, West Ryde, NSW, Australia) was used to perform pulse wave analysis 

on the subjects radial artery and from this the system automatically calculates the aortic pressure 

wave. The radial pressure wave was calibrated using an electronic brachial sphygmomanometer 
(Omron 7051T, Omron, Kyoto, Japan). However, in PWA the SphygmoCor does not record an 

electrocardiogram (ECG) which was required in order to synchronize the pressure wave with 

the MR images. To obtain the ECG a pulse wave velocity recording (PWV) was obtained on 

the radial and carotid arteries as this records the ECG simultaneously. Pressure tonometry was 

performed by Lesley Breen in the Clinical Research Facility, Edinburgh Royal Infirmary. By 
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post processing the signals the radial pressure signal obtained using PWA was aligned with the 

radial pressure signal obtained using PWV, to obtain the central pressure synchronized with the 

ECG. 

4.2.2 Lumen Boundary Motion 

The MR geometry images were time resolved which allowed the motion to be assessed. An 

active contour was used to locate the lumen boundary for each time. Active contours or de- 

formable models work by moving a line, or contour, in 2d, or surface in 3d, according to a 

potential energy surface, until the line falls into an energy minimum [209,210]. The energy of 

the contour has two sources: external and internal. The external energy comes from the posi- 

tion of the contour in the external energy field, which is a function of the image. The internal 

energy comprises of elastic energy from stretching and bending of the line. Active contours 
have been used to segment the lumen [211], wall [211,212] and thrombus [213] of AAAs from 

CT scans, as well as for determining the motion of both lumen and wall from MRI scans [214]. 

The method used here is a simple 2D active contour based on these more complicated methods. 

The active contour was formulated in Mailab v. 6.5 r. 13 (MathWorks Inc., Natick, MA, USA). 

The energy field used was based on the magnitude of the gradient of the image, I, so the external 

energy was: 
Eext = ket I VJ 

where kit is a constant. 

(4.1) 

The anatomical images are influenced by the flow, with images obtained during the high flow 

phase having a significantly brighter lumen. To prevent these images having wide regions of 
high gradient, which would tend to draw the contour further in, all pixels above the level of the 

mean, within the lumen of the first frame, were set to this mean value. The gradients outside 

a region defined by the initial contour were set to zero in order to eliminate their effects. The 

energy field was then normalized. 

The internal energy was calculated based on simple harmonic motion of the nodes. Each section 
between two nodes had an elastic energy: 

Eelast = kelast (l -10)2 (4.2) 
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where l0 is the total length of the contour divided by the number of sections, l is the actual 

distance between the two nodes and ketast is a constant. Each node had a bending energy: 

Ebend ý kbend (9 - 0)' 4.3 

where 0 is the angle made by the node and the nodes either side and kbend is a constant. 

Then the total energy is: 
E_ Eext + Eelast + 1, Ebend (4.4) 

nnn 

where the external energy is evaluated for each node, and the sums are over the n nodes or 

sections making up the contour. The contour was moved according to the forces due to this 

energy: 

F=-VE (4.5) 

The contour was initialized manually (see below), with the same initial contour for each time 

frame, and allowed to minimize its energy. Between each iteration it was necessary to smooth 

the contour. The area within the final contour was then calculated and the change in area over 

time was used as a measure of how much the aorta dilated at the level of that slice. 

4.2.3 Geometry Reconstruction 

Since lumen boundary motion was found to be small (<9.5 % diameter change) the original 

manual segmentation, which was used to initialise the active contour, was used in the geometry 

reconstruction. Manual segmentation was performed as follows. The region of the flowing 

blood, or lumen, was defined by the brightly lit area which shows where the blood flows. The 

images from each time frame were averaged so that the segmented lumen was in the mean 

position. Averaging the scans also eliminated any variation throughout the cycle due to the 

flowing nature of the blood. The boundary between the lumen and the thrombus was manually 

marked on each slice by placing markers around it and these markers were interpolated with a 

spline to form a contour. Mattab (MathWorks Inc., Natick, MA, USA) was used to view the 

images and define the contour bounding the lumen. 

The resolution of the MR data was very low in the z direction, just 10 mm. Hence it was neces- 

sary to interpolate this data smoothly to obtain a realistic arterial geometry. The contours were 
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interpolated using splines. The majority of these splines linked vertical data points and were 

simply interpolated to obtain data every millimetre. A major complication was the bifurcation 

region. In order to interpolate this region smoothly two additional splines were used. The first 

joined the closest points on the two iliac branches and the second linked the closest sides of the 

aorta. It was impossible to see the precise point at which the artery bifurcated, the saddle point. 

As a best guess the saddle point was positioned midway between the last slice containing one 

contour and the first slice with two contours. The x-y position was defined as the point half way 
between the closest points of the first two contours on the iliac arteries. The splines are shown 
in figure 4.1. 

Figure 4.1: Splines used to interpolate contours. Manually segmented contours are shown in 
black, in green are the vertical splines, and the splines through the saddle point 
are in blue and red. 

Spline interpolation smoothes the data and so alters the position of the contour. To check that 

the contours were not changed significantly from the original, manually segmented, ones the 

difference in their position before and after smoothing was examined. 

The interpolated contours were assembled into a surface mesh, and stored in the form of an 
STL file, using Nuages (Bernhard Geiger, INRIA Sophia-Antipolis, France [178]). Nuages 

uses Delauney triangulation to convert the contour data into a surface of triangles [ 178]. Since 

the triangulation results in a linear interpolation of the slice data some parts of the resulting 

surface had small, sharp corners. These were removed by manual correction using Magics X 

SP I (Materialise, Leuven, Belgium). Magics was also used to add inlets and outlets to the 

geometries. The iliac arteries were extended with outlet lengths (length = 10 x diameter) to 

ensure a computational boundary was not placed inappropriately [ 136]. This was achieved by 

cutting each iliac artery perpendicular to its walls and then extrapolating. Geometries with 
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straight cylindrical inlets were also produced. The MRI planning slices were used to measure 

the angle and diameter of the aorta just proximal to the first data slice. A cylinder with these 

specifications (and length =5x diameter) was created and attached smoothly to the rest of the 

aortic geometry. To assess the effect of manual smoothing of the sharp corners and of adding 

the outlet lengths to the iliac arteries, on the accuracy of the surface, contours on the same 

z planes as the original segmented contours were produced. These were compared with the 

original manually segmented contours and the differences were examined. 

4.2.4 Meshes 

Gambit (Fluent Inc., Lebanon, New Hampshire, USA) was used to mesh the volume with an 

unstructured grid of 3 mm tetrahedral elements. A surface mesh of 0.5 mm triangles was also 

produced. Fluent (Fluent Inc., Lebanon, New Hampshire, USA) was used to calculate the flow 

field in the 3 mm tetrahedral mesh assuming a steady inlet velocity of 50 cm s-1 and a constant 

outlet pressure of 100 mmHg. Fluent's `geometry adaption' along with `boundary adaption' 

was used to refine the mesh near the wall in keeping with the 0.5 mm surface mesh. `Gradient 

adaption', based on gradients of velocity magnitude obtained from the steady flow simulation, 

was used to further refine the mesh such that regions with large velocity gradients contained 

more cells. Although the real flow field would not be the same as that with steady flow this 

was felt to be a good enough first approximation for producing the mesh. These meshes had 

between 2.7 x 105 and 7.7 x 105 elements. Further refined meshes were produced by refining 

based on the velocity magnitude gradients at the peak flow phase of the cardiac cycle. These 

meshes had between 3.1 x 105 and 9.0 x 105 elements. To get an idea of the mesh error the 

differences in velocity magnitude between the standard and fine meshes was calculated. 

4.2.5 Boundary Conditions 

Lumen boundary motion was assessed by examining the change in area using an active contour. 
The maximum change in diameter was 9.5 % over the cardiac cycle which occured for the 

healthiest sections proximal and distal to the aneurysm, while the most diseased regions had 

diameter changes of around 2.5 %. The lumen boundary was then fixed in position and a rigid 

wall calculation, with a no-slip boundary condition at the wall, was performed. 

All calculations had the same pressure outlet boundary condition. This was the aortic pressure 

106 



Comparison of Computational Fluid Dynamics with Magnetic Resonance Measurements 

wave obtained from pressure tonometry and was applied at the iliac artery outlets. Some post 

processing of the SphygmoCor signals was required in order to obtain the aortic pressure in 

phase with the ECG. First the average radial pressure wave was found by using the ECG to 

split the wave into individual cardiac cycles, scaling each cycle to the period of the heart beat 

during the MR scanning and then taking the mean of the cycles. There was some variation in 

the length of the heart beat during tonometry and MR (1.5,0 and 16 % for the three patients) 
but the length of the heart beat during the MR scan was chosen so as to calculate flow with 
the same periodicity as the measured flow. Then the individual cardiac cycles from the radial 
PWA were aligned with the radial PWV signal by finding the peak in the cross-correlation. And 

finally, dividing the aortic pressure signal at the same time points as the radial pressure signal, 

resulted in the central pressure in phase with the ECG. 
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Figure 4.2: Inlet flow and outlet pressure. Solid red line is the flow wave from the MRI data. 
Dashed red line is the flow wave from the archetypal velocity wave. 

A flow wave was used for the inlet boundary condition and the flow and pressure waves for 

each patient are shown in figure 4.2. Three different inlet velocity profiles were used in order to 

assess the effect of differences in the inlet velocity profile on the flow within the aneurysm, and 

also to assess the level of patient specificity required to give the correct velocities within the 

aneurysm. The velocity profile for each type of calculation is described in the sections below. 

4.2.5.1 Velocity profile from MRI ('noinlet' calculation) 

The z component of the velocity is given in the Q flow image. The Q flow image was posi- 

tioned on a slice just proximal to the start of the aneurysm bulge. It was necessary to apply 

a median filter to velocity components outside a threshold to eliminate outliers. The data was 

also smoothed in the x, y, t directions by convolution with a top hat function. To obtain the ve- 
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locity component at each cell face on the inlet, and for each time step, the data was interpolated 

cubically. 

4.2.5.2 Flow waveform from MRI (`inlet, specific' calculation) 

The flow waveform was obtained by integrating the z velocity across the lumen at each time 

step. This meant the flow waveform was the same as that applied in the above case. However, 

the velocity profile used was a fully developed Womersley profile applied at the entrance to an 
inlet section. 

4.2.5.3 Centreline velocity waveform from archetypal velocity wave ('inlet, archetypal' 

calculation) 

As above, the velocity profile was a fully developed Womersley profile applied at the entrance 

to an inlet section. In this case the velocity profile was obtained using the centreline velocity 
from an archetypal velocity waveform for AAA patients as found in Chapter 3. 

4.2.6 Calculations 

Fluent v. 6.216 (Fluent Inc., Lebanon, New Hampshire, USA) was used to perform unsteady 

computational fluid dynamics (CFD). The flow was assumed to be laminar and the Navier 

Stokes equations were solved using Fluent's unsteady, segregated solver. Second-order upwind 

schemes were used to discretize time, and the continuity equations. The Pressure Implicit with 
Splitting of Operators (PISO) scheme was used for pressure-velocity coupling as this is the most 

appropriate for unsteady flow. Blood was assumed to be a Newtonian fluid (p = 1040 kg m-3, 

µ=3.64 x 10-3 kg m-1 s-1 [32]). Each cardiac cycle contained 500 time steps which resulted 
in time steps of 1.76,2.35 and 1.58 ms for the three patients. 

4.3 Results 

4.3.1 Lumen Boundary Motion 

The area of the contour defining the lumen on the uppermost slice, considered to be the health- 

fest part of the aorta, is shown for each patient in figure 4.3. Although the shapes of the area 
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Figure 4.3: Left: cross-sectional area of the lumen on the most proximal slice plotted with 
central pressure obtained from tonometry. Right: relative change in lumen area 
over cardiac cycle for each slice. Slices are rainbow coloured with reddish colours 
for the most proximal slices and blueish colours for the most distal. 
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and pressure waves are not the same, there is a clear similarity which gives some confidence 

that the active contour is finding the correct boundary. The viscoelasticity of the artery results 
in a phase delay between pressure and area waves with area lagging behind pressure, which is 

consistent with these results. Gow and Taylor [215] found the phase lag for the Ist and 2nd 

harmonics in dog aortas to be around 0.15 radians, which is much smaller than the phase lag 

seen here (1.18,0.24 and 1.45 radians for the three patients). Another factor is that the central 

pressure is estimated for the ascending aorta and as the pressure wave travels along the aorta a 
delay will be introduced and the wave will also be distorted. Estimating the time delay due to 

distance along the aorta assuming a pulse wave velocity of 10 m s-1 [32] for elderly patients 

and an aortic length of 30 cm gives a time delay of about 30 ms. 

Figure 4.3 also shows the area change for each slice. The most proximal (reddish) and distal 

(blueish) contours can be seen to have the largest changes in area, up to 20 %, over the cardiac 

cycle while those contours located in the main part of the aneurysm have only a minimal change 
in area. This 20 % change in area means an average 9.5 % change in diameter is the maximum 
diameter change for the artery and in the diseased section the diameter change is on the order 

of 2.5 %. 

4.3.2 Geometry Reconstruction 

The interpolated contours for the three patients are shown in figure 4.4 and the reconstructed 

and smoothed geometries with inlet and outlet lengths are shown in figure 4.5. 

The three sets of contours (original, after spline interpolation and final) for Pat001 have been 

plotted on top of the MR images in figure 4.6. They are clearly all very similar and the differ- 

ences are difficult to see at this magnification. 

In general, the contours are defined by a finite number of points equally spaced around the 

contour but starting at an unspecified location. Simply taking the difference in position of 

these points results in a greater value than the perpendicular difference between the two lines. 

To avoid this both the contours were resampled, at points on equally spaced lines radiating 
from the centre of the original contour, and the difference in positions of these points was 

examined. The RMS difference between the original and spline interpolated, and the original 

and final, contour positions is shown in figure 4.7. The RMS difference between original and 
final contours ranged from 0.05 to 0.63 mm in PatOOl, from 0.03 to 4.6 mm in PatO02 and 
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Figure 4.4: The patient contours. In bold are the manually segmented contours on the actual 
data slices. In green are the vertical splines and the splines through the saddle 
point are in blue and red The interpolated contours are shown faintly. From left 
to right: patOOl, pat002, pat003. 

f1 

Yq 

F 

rs 

Alum 

(b) pat002 

a: 

. 
0, . 1' 

(c) pat003 

=`ý 
ýý 

Figure 4.5: Reconstructed and smoothed aneurysm geometries with outlets. Geometry for 
'no inlet' calculation is shown in darker grey with the extended geometry for `inlet' 
calculations in lighter grey. Views are of the patients left side (left) and anterior 
(right). Positions ofplanes 2 (through aneurysm) and 3 (through iliac arteries) are 
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Figure 4.6: MR slice data from patOOl with manually segmented contours (blue), contours af- 
ter spline interpolation (red) and contours after manual smoothing and extensions 
(yellow). 
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Patient simulation mesh size /x 10 
3 mm standard 

elements 
fine 

PatO01 noinlet 0.79 2.7 3.1 
inlet specific 1.0 3.8 4.1 
inlet archetypal 1.0 3.8 4.0 

Pat002 noinlet 2.2 6.5 7.7 
inlet specific 2.8 7.7 9.0 
inlet archetypal 2.8 7.7 8.9 

Pat003 noinlet 0.56 3.9 5.5 
inlet specific 0.74 5.9 7.4 
inlet archetypal 0.74 5.9 7.7 

Table 4.1: Simulation sizes 

from 0.04 to 1.2 mm in Pat003. The rather large difference in the final contours of Pat002 and 
Pat003 is due to the difficulty in adding the outlet length on when the diameter of the iliac artery 
is nonuniform. Then there is no good way to slice the artery perpendicular to the edge all round 
its circumference, such that when the outlet length is added on the resulting contour remains in 

the same place. Since only the last part of the geometry is influenced in this way it should not 
have a large affect on the flow in the aneurysm bulge before the bifurcation. 

The most distal contours of the iliac arteries of Pat002 were very large which has resulted in 

wide outlet lengths. The reason for the large contours is that the patient had iliac aneurysms, 
in addition to the aortic aneurysm. Ideally the imaged region would have been extended to the 

end of these aneurysms. 

4.3.3 Mesh and Temporal Convergence 

The standard mesh was produced by refining a tetrahedral mesh with 3 mm elements using 

gradients of velocity magnitude in a steady flow simulation. This produced a mesh which was 
finest in the necessary areas. To produce the fine mesh the standard mesh was refined again 

using the gradients of velocity magnitude at peak flow during the third cardiac cycle. The sizes 

of the meshes are shown in table 4.1. To compute one cardiac cycle took between 5 hr 42 and 
16 hr 09 with standard sized meshes and between 7 hr 33 and 32 hr 25 with the fine meshes. 

Mesh independence was investigated by studying the difference in the velocity magnitude on 

the plane midway through the aneurysm and the plane through the iliac arteries (planes 2 and 
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Patient simulation difference in V, nag 
standard cf fine mesh /% 

Pat001 noinlet 
inlet specific 
inlet archetypal 

Pat002 noinlet 
inlet specific 
inlet archetypal 

Pat003 noinlet 
inlet specific 
inlet archetypal 

20 
18 
24 
30 
20 
19 
49 
33 
30 

difference in V, nag 
4th cf. 5th cycle /% 
12 
8.0 
12 
35 
8.0 
3.5 
13 
5.0 
2.9 

Table 4.2: Mesh and temporal convergence 

3) at 16 time points with the standard and fine meshes. Mean percentage differences were 
between 18 and 49 %. Cyclic independence was assessed by comparing the velocity magnitude 
on planes 2 and 3 at 16 time points in cardiac cycles 4 and 5. Mean percentage differences were 
between 2.9 and 35 %. These are percentage errors relative to the point velocity magnitudes 
which means that when the velocity is very small, such as in recirculation regions, even a 
very small difference in the velocity results in a large percentage error. These were considered 
acceptable differences in order to limit the computational resources required. 

4.3.4 Comparison of Z-Velocity Calculation Results and MRI Data 

The z component of the velocity for the three different calculations on the three different pa- 
tients was compared with the MRI measurements of the z-velocity. The results for Pat001, on 
the plane through the aneurysm and the plane through the iliac arteries, are shown in figures 4.8 

and 4.9. Similarly the results for Pat002 and Pat003 are shown in figures 4.10 to 4.13. 

It is clear that there are some similarities between the MRI and CFD results but also some 
differences. The cross-correlation of two signals, or images, is a measure their similarity. The 

cross-correlation, y, for two images M and C is defined [216] 

7(X, y) = 
En Im (M(n, m) - M) (C(x + n, y+ m) - C) 

(4.6) 
(In Ern (M(n, m) - ýU) 2 In Im (C(x + n, y+ m) - C) 2) 1/2 

y is a function of x and y which describes how well matched the two images are as they are 
moved across each other. The height of the maximum peak in the cross-correlation function, 
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Patient plane 
noinlet, 
velocity 

cross-correlation coefficient 
specific inlet length, inlet length, 

specific flow archetypal Vcentre 
Pat001 aneurysm 0.307 0.347 0.262 

iliac 0.285 0.282 0.331 
Pat002 aneurysm 0.396 0.311 0.339 

iliac 0.292 0.303 0.280 
Pat003 aneurysm 0.403 0.402 0.424 

iliac 0.473 0.484 0.368 

Table 4.3: Mean yn for comparison of MRI and CFD results 

ymar, was used as a measure of how well matched the MRI and CFD results were. The advantage 

of this measure over, say, taking the percentage difference, was that if the shapes of both MRI 

and CFD results were similar but misaligned, this similarity would contribute positively to the 

cross-correlation. If the percentage difference was used, such misalignment would create large 

percentage errors and the fact that there were similarities in shape would go unnoticed. The 

use of the maximum of the cross-correlation function, y, ax, as a measure of similarity between 

MRI and CFD results was found to be in line with the visually observed level of qualitative 

agreement. 

The peak of the cross-correlation function between the MRI results and each of the numerical 

simulations, yma, is shown in 4.14. These results are for the plane through the aneurysm at each 

time step. The mean of ym= for each calculation and on both the aneurysm and iliac planes is 

given in table 4.3. 

For all patients the correlation is higher during systolic flow than during diastolic flow. This 

is due to the stability in the accelerating flow, which results in it all going forward and being 

much easier to predict than the diastolic flow, which is less well defined. 

4.3.4.1 PatO01 

For PatOO I it appears that during peak flow the calculation with archetypal VCenne has the highest 

correlation with the PC-MRI, while at early diastole it is the specific flow rate and at late diastole 

both specific flow rate and specific velocity are similar. Looking back at the actual z-velocity 

results (figure 4.8) it is difficult to tell which of the calculations match the MRI results best, 

but at peak systole (around 4th frame, 191 ms) there are patches of high velocity across the 
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Figure 4.8: z component of the velocity on a plane through the aneurysm, PatO01. 
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Figure 4.12: z component of the velocity on a plane through the aneurysm, PatO03. 
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Figure 4.14: y,, on planes through aneurysms at each time step. 
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whole aneurysm and although it appears that these are concentrated posteriorly (lower side of 

pictures) there are also some anteriorly and similarities with the inlet length calculations can be 

seen. During early diastole (around 9th frame, 459 ms) the region of faster flow still appears to 

be on the posterior side, agreeing with the noinlet calculation, however, the presence of other 
fast regions anteriorly probably accounts for the correlation with the inlet length, specific flow 

calculation where the z-velocity is distributed more evenly. During late diastole (around 16th 

frame, 834 ms) it is odd that both noinlet and inlet length, specific flow calculations correlate 

similarly with the MRI data as the two z-velocity profiles are completely different, almost the 

exact opposites with noinlet, specific velocity having the fastest velocities on the posterior side 

and inlet length, specific flow having the fastest velocities on the anterior side. In the MRI 

results there are two bands of fast velocities on the the anterior and posterior sides explaining 

why both simulations correlate well. However, the low velocity band across the centre of the 

aneurysm is probably an image artefact as it extends outside the artery and across the whole 
image. It can be seen in several of the images (31,84,673,727,780 and 834 ms). Although 

there are many similarities in the flow features of the noinlet calculation and PC-MRI results, 
the artefact, along with the level of noise in the images, makes comparison of CFD and MRI in 

this patient inconclusive. 

4.3.4.2 Pat002 

A similar stripe occurs across some of the z-velocity images for Pat002 (figure 4.10) most 

notably at the first three frames (24 - 108 ms). However, fewer images for this patient are 

affected and the images appear to be less noisy. The correlation coefficient for the aneurysm 

plane in Pat002 (figure 4.14) shows that over the whole systolic flow part of the cycle the 

results from the three calculations correlate similarly with the MRI results. The images confirm 

that there are only small differences in the z-velocity profile at this time (around 5th frame, 

191 ms) as the flow is fast and uniform in direction across the whole aneurysm. However, 

in both the noinlet and inlet, archetypal results there are faster regions on the anterior side 

which accounts for why these calculations have a higher correlation. The largest differences in 

the peak correlation coefficient occur during the diastolic phase of the cycle where it is clear 

that the noinlet calculation matches the MRI results far better that the other two calculations. 

The MRI images reveal a fast region in the right anterior quadrant of the image which lasts 

throughout the diastolic phase but gradually slows. This is very well matched in the results for 

the noinlet calculation, which leads to the conclusion that the general in vivo flow features have 
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been reproduced in this patient, even if the details are difficult to assess. 

The mean coefficient for the aneurysm plane confirms the result that the noinlet calculation 

out performs the other two. However, on the iliac plane the mean coefficient for the three 

calculations is much more similar. The z-velocity data shows that both noinlet and specific flow 

calculations have very similar z-velocity profiles and all three calculations show the fastest flow 

is at the anterior side throughout most of the cycle. The MRI data is noisier on this plane but 

still shows fast flow on the anterior side in many frames. 

4.3.4.3 Pat003 

From the correlation coefficients in the aneurysm plane (figure 4.14) the three calculations ap- 

pear to predict the MRI results similarly well during peak systole (around 5th frame, 191 ms). 
The flow at this time is mainly forwards and although there are small fluctuations across the 

MRI velocity profiles they are fairly uniform. Small areas of faster flow in the inlet, specific 

velocity and noinlet calculations are not matched in the MRI data. During diastolic flow the 

correlation coefficients are surprising since it appears that the inlet, archetypal velocity calcu- 

lation outperforms the other two. Looking at the z-velocity plots reveals that there is a region 

of forward flow along the edge of the anterior boundary, in the same location as the very fast 

flowing blood in the MRI data, albeit with completely different velocity. 

4.3.5 Comparison of Flow Fields in Different Calculations 
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Figure 4.15: PatOOl: Blood flow in three different calculations at 191 ms 

The flow fields were examined using streamline plots. Flow fields are shown at several time 
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Figure 4.16: Pat001: Blood flow in three different calculations at 405 ms 
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Figure 4.17: PatOOl: Blood flow in three different calculations at 727 ms 
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Figure 4.18: PatO02: Blood flow in three different calculations at 108 ms 
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Figure 4.19: Pat002: Blood flow in three different calculations at 191 ms 
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Figure 4.20: Pat002: Blood flow in three different calculations at 483 ms 
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Figure 4.21: Pat003: Blood flow in three different calculations at 191 ms 
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Figure 4.22: Pat003. Blood flow in three different calculations at 399 ms 
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Figure 4.23: Pat003: Blood flow in three different calculations at 607 ms 
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steps in figures 4.15 to 4.17 for Pat00l, in figures 4.18 to 4.20 for Pat002, and in figures 4.21 to 

4.23 for Pat003. 

The flow patterns for each of the three calculations show some similarities. For example during 

the systolic phases (Pat001: 191 ms, figure 4.15, Pat002: 191 ms, figure 4.19, Pat003: 191 

ms, figure 4.21) most of the flow is forward. In PatO01 and Pat003 most of the flow is down 

the posterior side of the aneurysm, with a recirculation zone on the anterior in some of the 

calculations. In PatO02 the flow is laminar throughout the aneurysm. 

However, there are also a number of clear differences in the numerical results. For example, the 

size of the vortex in Pat001: the noinlet calculation predicts a large, single vortex which lasts 

throughout the cardiac cycle, whereas the inlet-specific calculation predicts a smaller vortex 

which occupies just the proximal end of the bulge during systole and during diastole this vortex 
is accompanied by at least one other vortex on the posterior. The amount of helical flow is 

also clearly different with flow in the distal part of the aneurysm during the early diastolic 

phase (405 ms, figure 4.16) in the inlet, specific flow calculation being dominated by spiral 
flow, while in the noinlet calculation this section is filled with the vortex. During the diastolic 

phase in Pat002 (483 ms, figure 4.20) the noinlet calculation contains a vortex with reverse flow 

whereas the other two calculations predict mainly forward flow with less swirling. In Pat003 

during the reverse flow phase (399 ms, 4.22) the vortex on the anterior wall of the noinlet 

calculation occupies much of the bulge whereas in the inlet, specific flow calculation there are 

several smaller vortices and in the inlet, archetypal velocity calculation the flow is slow but 

mostly laminar. The vortex in the noinlet calculation persists through the diastolic phase (607 

ms, 4.23). There is also a slow moving vortex in the inlet, archetypal velocity calculation but 

this vortex rotates in the opposite direction to that in the noinlet calculation. 

The geometry of the aneurysms PatO01 and Pat003 is similar, both have large asymmetric 
bulges, whereas the geometry of Pat002 is more symmetrical. In the noinlet calculations 

the z component of the velocity profile was applied at the inlet, on the correct plane. Since 

aneurysms Pat001 and Pat003 are highly asymmetric applying the z component of the velocity 

at the aneurysm entrance results in flow down one side of the aneurysm, the posterior side since 

the bulge is on the anterior. This explains why a large vortex, circulating down the posterior 

and up the anterior, persists throughout the cycle in these aneurysms. In the inlet, specific flow 

calculations the flow entered through a cylindrical tube which was positioned at the same angle 

as that section of the aorta, as found from the MRI planning scans, and so the jet entered into 
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the middle of the aneurysm, rather than down one side. This resulted in several smaller vortices 
and more helical flow, rather than just one large vortex. 

The geometry of Pat002 was more symmetrical so applying the z component of the velocity 
resulted in flow entering the aneurysm in a similar direction to that with an inlet length (figure 
4.19) although not the exactly the same direction which results in some flow differences (figure 
4.20). In Pat002 the inlet velocity was measured on a plane slightly more proximal to the 

aneurysm bulge than that in Pat001 or Pat003 which gave a short inlet in the noinlet calculation 
which allows the direction to adjust accordingly. 

4.3.6 Pressure 

pressure 
IN 14340. 

14348. 

14305. 

14263. 

14220. 

(a) Noinlet 

pressure 
14440. 

14410. 

14380. 

14350. 

14320, 

L- 

(b) Inlet, specific flow 

pressure 
13900, 

13835. 

13770. 

13705, 

13640, 

(c) Inlet, archetypal velocity 

Figure 4.24: Pressure at 191 ms in PatOOl 

Pressure is shown for the the three patient aneurysms at peak systolic pressure in figures 4.24 

to 4.26. Spatial variation in pressure across the aneurysm surface was very similar in all three 

calculations: between 120 and 170 for Pat001 (3 % of pulse pressure), between 130 and 160 

Pa for Pat002 (3 % of pulse pressure) and between 230 and 310 Pa in Pat003 (4 % of pulse 

pressure). 

Differences between the noinlet and inlet, specific flow calculations show the effect of differ- 

ences in the haemodynamics, with the same flow rate, on the pressure exerted on the aneurysm 

wall. The differences in the peak pressure between noinlet and inlet, specific flow calculations 

were similar for all three patients at around 50 Pa or 1% of the pulse pressure. 

130 



Comparison of Computational Fluid Dynamics with Magnetic Resonance 'Measurements 

press 
0'3o 

13 

13, 

13 

13 

presse 

3560. 

. moo. 

(b) Inlet specific floes 

press 
i3 

13 

13 

13 

13 

(c) Inlet archetypal \ eiocit\ 

Figure 4.25: Pressure at 191 ins in PatOO2 

p 

7 i'3E_ 

Press" 

01 -Q9D. 
178 13. 

1 77,35. 

1758 

(b) Inlet specific flow 

pc@S'ure 
16E2 " 

16755. 

t. 

16560. 

AM 
(c) Inlet, archetypal velocity 

Figure 4.26: Pressure at 149 nis in Pat003 

131 

(a) Noinlet 

(a) Noinlet 



Comparison of Computational Fluid Dynamics with Magnetic Resonance Measurements 

Pressure differences between inlet, specific flow and inlet, archetypal velocity calculations show 
the effect of a different flow wave on the wall pressure with the same geometry and outlet 

pressure wave. In PatO01 the phase difference between pressure and flow waves in the inlet, 

archetypal velocity calculation is slightly different to that in the inlet, specific calculation. At 

peak systolic pressure, the flow in the inlet, archetypal calculation has started to decelerate 

and hence the pressure at the inlet is below that at the outlet and the highest pressures in the 

aneurysm are at the distal end. This results in pressures which are lower than those in the 
inlet, specific flow calculation by around 540 Pa or 11 % of the pulse pressure. There is a 

much smaller difference in the two peak flow rates for Pat002 which means their peak pressure 
difference is smaller (around 140 Pa or 3% of pulse pressure). Pat003 is similar to Pat001 with 
the archetypal velocity rate having started to decelerate leading to lower pressure throughout 

the aneurysm than at the distal end. 

4.3.7 Flow Split 
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Figure 4.27: Temporal variation inflow split at the bifurcation 
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Patient I left iliac flow fraction 
MRI noinlet, spe- inlet length, inlet length, 

cific velocity specific flow archetypal 
Vcentre 

PatO01 0.63 0.57 0.57 0.66 
Pat002 0.43 0.32 0.42 0.39 
Pat003 0.63 0.54 0.52 0.61 

Table 4.4: Cycle averaged flow split at aortic bifurcation 

The outlet boundary condition used for all calculations was patient specific pressure. No flow 

conditions were specified so the flow split was governed by the resistance caused by the ge- 

ometry of the bifurcation and the diameters of the iliac arteries, and also by secondary flow 

components in the aneurysmal aorta [200]. In vivo the flow split is influenced by downstream 

resistance which may not be the same in both legs. The flow to each iliac artery, as measured 
by MRI and in the different calculations, is shown in figure 4.27. The cycle averaged flow split 
is shown in table 4.4. 

The difference in the cycle averaged flow split of the numerical results from the MRI data was 
between 0.03 and 0.06 for Pat001, between 0.01 and 0.11 for Pat002 and between 0.02 and 0.11 

for Pat003. These low differences suggest that in these patients it was acceptable not to apply 

any boundary condition on the flow split. 

The difference between the total measured and calculated flow, in the iliac arteries of Pat001, 

is due to flow to other arteries which have not been modelled, probably the renal arteries. 

There have been few studies comparing the effect of different outflow conditions on the daugh- 

ter vessels of a bifurcation. Augst et al. [ 136] showed that while different flow split ratios at the 

carotid bifurcation significantly affected flow and WSS in to the internal and external carotid 

arteries, and at the bifurcation, they had very little effect on the flow or WSS in the common 

carotid artery. This suggests that as the aorta is the section of interest the flow split may make 
little difference. However, since flow in the aneurysmal aorta consists of large vortices, the flow 

may be more sensitive to downstream conditions than the flow in the common carotid. 
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Figure 4.28: Variation in z-velocity profiles through the thickness of the MRI slice. Profiles are 
for the noinlet calculation ftom PatOO1. 
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4.3.8 Spatial Averaging 

The MRI flow images have a slice thickness of 8 mm. Figure 4.28 shows the variability in the 
CFD results for Pat001, over this slice thickness. Although the patterns are very similar there 
is some variability, for example, in the precise size of the forward flowing and reverse flowing 

regions. So, to fairly compare the CFD and MRI results it was suggested by Ku et al. [203} 

that some combination of the CFD results over the full MRI slice thickness should be used. 
Specifically they suggest averaging the CFD results. 
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Figure 4.29: 0 mm (black lines) and mean z-velocity (colour) profiles compared. Profiles are 
for the noinlet calculation from PatOOl. 

Figure 4.29 shows the effect of averaging the z-velocity profiles over the slice thickness, by 

showing isocontours for both the mean and the 0 mm z-velocity profiles. It is clear that although 

averaging makes some difference to the precise position of the isocontours, they are very still 

very nearly the same. This justifies the use of single plane profiles, rather than averaged profiles, 

elsewhere in this chapter. 

135 

.. ,ý e ýýa i 



Comparison of Computational Fluid Dynamics with Magnetic Resonance Measurements 

4.4 Discussion 

In this work, the results from rigid walled numerical simulations of blood flow in three aneurys- 

mal aortas have been compared with phase contrast magnetic resonance imaging (PC-MRI) 

measurements of the velocity in vivo. Three different calculations were performed for each 

aneurysm with different inlet flow conditions. The first (noinlet) applied the z component of 

the velocity measured with PC-MRI at the inlet to the aneurysm. The second (inlet, specific 
flow) used the flow rate determined from the PC-MRI velocity profile at the aneurysm inlet but 

applied it at the entrance to a cylindrical tube inlet length. The third (inlet, archetypal veloc- 
ity) calculation used the archetypal centreline velocity waveform found in Chapter 3 with the 

velocity profile calculated using a Womersley flow at the entrance to a cylindrical tube inlet 

length. 

Blood flow patterns were dependent on the calculation. The application of just the z-velocity 

component at the inlet produced flow entering the aneurysm in that direction regardless of the 

aortic geometry in the entry region. In the two most asymmetric geometries this forced large 

vortices to be formed in the aneurysm, rotating down the posterior and up the anterior side. 

In one of the aneurysms this produced z-velocities, on a plane through the aneurysm, which 

were in agreement with the PC-MRI results. However in the other asymmetric aneurysm, the 

z-velocity results on the mid aneurysm plane were contradictory to the PC-MRI results, which 

had forward flow on the anterior side of the aneurysm. In the aneurysm which was more 

symmetrical, and which had a longer inlet section, z-velocities on the aneurysm plane showed 

good qualitative agreement, and some quantitative agreement with the PC-MRI results. 

With the inlet, specific flow calculation, in which flow entered through an inlet length the jet 

entered the bulge more centrally. In general this produced several small vortices and helical 

flow. In two of the patients these results appeared to have lower correlation with the PC-MRI 

data but in the third the forward flow during diastole was closer to the anterior side and therefore 

in better agreement with the MRI results than the noinlet calculation. 

The inlet, archetypal calculations produced quite different flow patterns to the inlet, specific 

calculations showing that flow patterns depend on the flow waveform and not simply the geom- 

etry. 

One other group have compared CFD and PC-MRI results in real aneurysms. Kose et al. 

[208] imaged two patients using contrast enhanced computed tomography (CT), and measured 
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the z-velocity using QFlow images from PC-MRI which were then registered to the CT scans 

using anatomical MRI scans. The results they reported showed very good agreement for both 

patients. It is interesting that their results appear better than those in this work as their methods 
were very similar. The images of their geometries show a short inlet length before the aneurysm 
bulge which may be slightly longer than the inlets used in this work and could perhaps produce 
better results. In this work the quality of the agreement of the noinlet length results with the 
PC-MRI results was in the same order as the length from the inlet to the bulge (aneurysm 

geometries were shown in figure 4.5). That is, the aneurysm with the longest inlet (Pat002) had 

computational results which agreed most closely to the PC-MRI results, whereas the results 
from the aneurysm with the shortest inlet (Pat003) agreed least. Differences in inlet length 

were small, the length of the inlet in Pat002 was only about 21 mm, as compared to only 4 mm 
in Pat001, and in Pat003 a position distal to the neck of about 8 mm in Pat003, but this could 

still be important. 

4.4.1 Diastolic flow 
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Figure 4.30: Formation of the diastolic jet in PatOO2, viewed from the posterior. Systolic flow 
(a) is fast (up to 50cros-1) throughout the inlet section and the iliac outlets but 
due to continuity is much slower in the bulge. Some of the fast flow remains at 
the start of diastole in the form of a jet down the right anterior side (b). As the 
diastolic phase progresses the flow slows as does the speed of the jet (c) 

The z-velocity results for the noinlet calculations of both Pat002 and Pat003 show spots of 

high velocity which appear to last throughout diastole. The maximum velocity in these spots is 
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higher, at some phases, than the maximum velocity anywhere on the same plane during systole. 

In Pat002 this diastolic yet is down the right anterior (figure 4.30) while flow elsewhere with 
the aneurysm cavity is mostly slower and reversed. The flow is channelled into a jet at the top 

of the bulge which can be seen by the velocity vectors which point in towards the yellow spot 

marking the start of the jet. The volume with slow, reverse flow is much greater than the volume 

with fast forward flow and hence the flow rate is still negative. The maximum speed in the jet 

is around 20cros-1 and occurs just proximal to plane 2 at peak reverse flow. After that the flow 

slows down and for most of the remainder of the cycle the speed in the jet is slower than that 

on the same plane during systole, although a similar flow pattern persists. The length of the 

aneurysm is 9.2 cm and during diastole the speed of the jet decreases from the 20cros-' to just 

above zero, being around 8cros-1 for the majority of the diastolic phase. The diastolic phase 
lasts around 700 ms so a blood element would be translated 5.6 cm along the jet. 

4.4.2 Phase-Contrast MRI 

Some of the MRI images, most noticeably in Pat001, but also in Pat002, showed bands which 

extended across the aneurysm and further. These appear to be due to ghosting, which occurs 
due to periodic motion [91]. The velocity scans were done with breath hold but it is possible 

that the patients could not hold their breath well. 

Other artefacts occurring in PC-MRI images include intravoxel phase dispersion and displace- 

ment artefacts. Displacement artefacts occur because the spins move during the length of the 

pulse sequence. Lee and Doorly [217] investigated the causes of PC-MRI artefacts by simulat- 

ing the MRI signal from a moving fluid in an arterial geometry. They showed that in regions 

where there were large in plane velocities the through plane velocity contours were shifted in 

the direction of the in plane velocities. Figure 4.31 a and b, shows the PC-MRI and noinlet 

calculation results for Pat002 at 483 ms along with the in plane velocity vectors (figure 4.31 c, 

d, and e) throughout the thickness of the PC-MRI slice. The region of fast flow in the PC-MRI 

data is shifted anticlockwise compared to the same feature in the calculation. There is signifi- 

cant motion in this direction predicted by the CFD and shown by the in plane vectors. This is a 

possible explanation for why these features do not appear in the same positions. Displacement 

artefacts in other images will have influenced these measurements too. 

Intravoxel phase dispersion occurs when there there is a velocity gradient across the voxel, 
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Figure 4.31: PC-MRI artefacts. Data for Pat002 at 483ms. In plane velocity vectors are 
coloured by through plane velocity. 
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which results in dephasing of the spins and consequent signal loss. The effects are most signif- 
icant in regions of low signal creating larger errors in these regions, particularly at the edges of 
the vessel [217]. 

Lee and Doorly [217] also showed that in regions were there was flow recirculation within the 

slice the MRI signal magnitude was reduced. This is partly because the through plane velocities 

are low resulting in reduced flow related signal enhancement from spins entering the slice. Also, 

intravoxel phase dispersion effects are potentially higher in recirculation regions because when 
the sequence is repeated to enable the whole of k-space to be sampled more particles contribute 
to the signal from a voxel. These effects can be seen in the data from Pat002. A circulating 

region is visible on the lower left side of the vector plots (figure 4.31 c, d, and e) and this 

region corresponds to an area of low signal in the MRT magnitude image (figure 4.31 f). Since 

aneurysms are full of recirculating regions these effects will have reduced the PC-MRI signal 

quality in all images. 

4.4.3 Limitations 

The most important limitations of the study appear to be the limited extent of the geometry 

of the aorta and the application of only the z component of the velocity on the inlet plane. 
Together these two factors were probably the main reasons for the differences between the 

numerical results and the PC-MRI results. 

A sensible approach to only having the z-component of the velocity would have been to cal- 

culate the in plane components as being proportional to the z-component and resulting in flow 

at the same angle as the healthy aortic section measured from the planning MRI scans. Since 

the flow in the 'no-inlet' and 'inlet, specific' calculations was applied in different directions it 

would have been surprising if indeed they had resulted in the same flow patterns. This approach 

was not considered earlier but could be used in the future. 

Flow to the renal arteries is high, Bax et al. [218] measured renal flow in 20 patients and 

found the mean total renal flow was 18 ml s- but was up to 27 ml s-1 in some patients. This 

probably influenced the simulations of Pat001. Anatomical constraints make it difficult to locate 

a plane which is both distal to the renal arteries and proximal to the aneurysm bulge. Future 

studies could try scaling the inlet velocity profile by the iliac flow rate, or explicitly modelling 

the renal arteries. 
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Calculations were performed for 5 cardiac cycles and cyclic convergence was assessed by com- 

paring the results from the 4th and 5th cycles. The mean percentage differences were mostly 
less than 12 % although two of the noinlet calculations had differences of about 35 % which 

suggests velocity gradients on the inlet may have made these take longer to become converged 
than the calculations with an inlet length. Mesh convergence was assessed by comparing results 
from coarse and fine meshes and percentage differences were about 20 - 30 %. Accuracy of the 

numerical simulations could have been improved by using finer meshes and calculating more 

cardiac cycles but this is unlikely to change the overall flow features and the comparison with 
PC-MRI results. 

Wall motion was assessed as being less than 10 % and more like 2.5 % in the diseased region. 
This change in wall position with time will alter the blood velocities. From simulations of blood 

flow in the aortic arch, where wall motion was around 23 % of the diameter, it was apparent that 

the flow could only be realistically calculated by including the wall motion [148]. However, 

a study on the superior mesenteric artery, with dilation about 5% and translation about 50 %, 

showed an average difference in WSS of just 2.1 % between simulations with moving and rigid 

walls [219]. The effects of wall motion on flow in aneurysms still needs to be determined. 

Resolution of the MRI geometry data in the z direction was only 9.4 - 10 mm. Reconstruction of 
the artery from the slice contours was performed using splines. The reconstruction method was 

shown not to change the positions of the contours, but the accuracy of the geometry between 

the contours has not been assessed and could lead to errors in the simulated blood flow [204]. 

Manual segmentation is subjective and should ideally be performed by skilled radiologists with 

the intra and inter observer variation determined. In this work segmentation was performed by 

one physicist. In addition the images were displayed in colour for segmentation which may 
have resulted in the contours being positioned slightly outside the lumen boundary. Figure 4.32 

shows four of the slices from Pat00I in both colour and greyscale. A region of lighter blue 

can be seen within the contours on some colour images, but on the greyscale images the same 

region looks black. 

The SphygmoCor system calculates the aortic pressure wave in the ascending aorta rather than 

the abdominal aorta and which will give a different pressure wave due to propagation along 

the aorta. However, in a rigid walled model the pressure only has a small influence on the 

haemodynamics. 
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8989 

10 11 10 11 

(a) greyscale images (b) colour images 

Figure 4.32: Viewing image data with different colour maps may lead to different interpreta- 
tions. The time frames have been averaged to give images for four slices from 
PatOill. 

4.5 Conclusions 

Numerical calculations of blood flow in abdominal aortic aneurysms have been compared with 
PC-MRI results. Calculation results were shown to be strongly dependent on the inlet flow 

conditions. Calculations of the flow in two patient geometries showed good agreement with the 

measurements but calculations in the third patient were completely different. 

Application of the z-velocity at the aneurysm entrance does not, in general, produce the correct 
flow within the aneurysm, especially if the inlet plane is very close to the aneurysm bulge. How- 

ever, application of the z-velocity when there is a short section of the correct aortic geometry 
before the aneurysm bulge appears to improve the flow predictions. More investigation would 
be required to confirm this. The renal arteries are another consideration as the flow should 
ideally be measured after these branches. It is difficult to calculate the flow in aneurysms since 
flow in the bulge is very sensitive to the flow in the inlet and small changes in the inlet flow can 

alter the flow in the bulge dramatically. 
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Chapter 5 
Fluid Structure Interactions in Axially 

Symmetric Aneurysm Models 

So far aneurysms have been modelled as having walls which are fixed in place. However, as 

the blood pressure pulse propagates along an artery the wall dilates under the pressure and 
then contracts behind the pulse. Thus in simulations the blood flow domain should dilate and 

contract, altering the flow patterns within. Also, the stress on the artery wall is a function of the 

blood pressure acting on it. Since the blood is flowing, the pressure on the wall is temporally 

and spatially inhomogeneous; the blood and the artery undergo a fluid-structure interaction. In 

this chapter fluid structure interaction in simple aneurysm models will be investigated to assess 

the effects of moving walls on the blood flow and the effects of the blood flow on the tissue 

stresses. 

5.1 Introduction 

In abdominal aortic aneurysms, the tissue stresses in the artery wall are considered to affect 

the rupture risk of the aneurysm [54,57,58] and are thought to be a more accurate indicator 

of rupture risk than diameter. So, accurate estimation of tissue stresses is desirable. There are 

many factors which are thought to influence the tissue stress: aneurysm size, shape [155,156, 

158], wall thickness [52] and the presence of an intraluminal thrombus. The haemodynamics 

may also affect the wall tissue stress via the fluid-structure interaction but the extent of their 

influence is unclear. 

Fluid structure interactions (FSI) in abdominal aortic aneurysms have been used by several 

authors [56,172,173,182,220-222]. The influence of the FSI on the tissue stress in AAAs 

was studied by Scotti et al. [172] in simple geometries. They investigated the effects of a 

fluid structure interaction in models of AAA with varying asymmetry and wall thickness. With 

regard to the tissue stress, they conclude that in a symmetric model, with homogeneous wall 

thickness, neglecting the effect of the fluid structure interaction resulted in an underestimate of 
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the peak wall tissue stress of 9 %. This increased to 29 % with a heterogenous wall thickness, 
but increasing the asymmetry made little difference 

Leung et al. [ 173 ] examined the effects of incorporating the fluid structure interaction into pa- 

tient specific models of AAA using patient geometries obtained by segmenting the lumen from 

CT scans. Since this only gave the blood flow domain they fabricated a wall by assuming a uni- 
form thickness outside the lumen region. Their conclusions on tissue stress were in opposition 

to those of Scotti et al. [172]: they found less than 1% difference between the peak stress in the 

static and fluid-structure interaction models. The reason for these differing conclusions is not 

obvious: both groups used similar boundary conditions, the same wall elasticity, and the same 
FSI interaction. One possibility is the aneurysm shapes used. Scotti et al. [ 172] used idealised 

shapes with a maximum diameter of 6 cm and an inlet diameter of 2 cm. Leung et al. [173] 

used lumen geometries obtained from patients and their diameters were in the range 3.2 to 4.2 

cm. Since the diameter of the normal abdominal aorta is around 2.0 to 2.5 cm, the dilation of 

the geometries used by Leung et al. [173] is much smaller than that of the geometries used by 

Scotti et al. [172]. 

Papaharilaou et al. [185] modelled the wall tissue stress in a large, 10 cm, aneurysm without 

any significant thrombus using a decoupled fluid structure interaction. That is, they calculated 

the pressure on the wall from the fluid dynamics and applied that pressure to the solid model. 
They report that a static analysis gave a peak wall stress 12.5 % lower than their decoupled FSI 

analysis. None of the above papers included intraluminal thrombus in their calculations. 

Although it is of less interest clinically, the blood flow in AAAs is very interesting from a 
biomechanical perspective. Briefly, the nature of the flow field affects the delivery of platelets 

and monocytes to the endothelium [40], or the thrombus layer, as well determining the shear 

stress which acts on the endothelial cells [34-36] and influences platelet activation and adhesion 

[2,3]. 

Scotti et al. [ 172] found that the flow fields in their FSI models were very different from those 

in calculations using the same boundary conditions in rigid aneurysm models [153]. At the 

time of peak systolic pressure, which occurred during flow deceleration, the streamlines in all 
FSI models were laminar. However, in the rigid walled models vortices had formed in the 

proximal part of the aneurysm. The difference is due to contraction of the aneurysm during 

flow deceleration, which drives fluid out of the aneurysm and prevents the flow separation 
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driving the vortices. Further evidence that the wall motion significantly alters the flow is given 
by computational fluid dynamics (CFD) studies of healthy arteries with moving walls. For 

example Jin et al. [ 148] examined the affect of wall motion on flow in the ascending aorta, 
by comparing CFD with MRI measured velocities. They found that computed results agreed 

with the MRI measurements only when the full wall motion was accounted for. However, the 

aortic arch is a highly mobile section of the aorta. The abdominal aorta moves far less, which, 

combined with the increased stiffness of the aneurysmal aorta compared with the normal aorta, 

may mean that the wall motion has only a small affect on the flow. 

In this work two commercial software packages were coupled together to model the FSI in 

simple aneurysm models. The complete FSI calculations were compared with simpler homo- 

geneous pressure, rigid walled, and 1-way coupled simulations in order to assess the importance 

of incorporating the fluid structure interaction in aneurysms. The aims were: to investigate the 

effects of increasing the bulge diameter and altering the material stiffness on tissue stresses; 

to assess the effect of the thrombus on the peak tissue stress; and to assess the influence of the 

fluid structure interaction on blood flow patterns and wall shear stress (WSS) in aneurysms with 
increasing diameter, material stiffness and thrombus thickness. 

5.2 Methods 

5.2.1 Fluid Structure Interaction 

Fluid structure interaction (FSI) problems can be solved using either a fully coupled approach 

or an iterative method [223]. In the fully coupled approach the fluid and solid equations are 

solved simultaneously [224]; the solution is likely to be stable, and efficient, but including 

all the complexities normally available for either fluid or solid calculations is difficult. In the 

iterative method the flow equations are solved first, assuming a rigid wall, then the deformation 

of the elastic wall is calculated by applying the pressure load. The iterative method is slower 

but state of the art codes for both fluid and solid domains can be included. 

The iterative method used was developed by Li [223,225] for investigating stenosed arteries. 

Similar methods have been used for studying, for example, the carotid bifurcation [226], and 

stented abdominal aortic aneurysms [220,221 ]. 

The incompressible Navier-Stokes equations describe the three-dimensional time dependent 
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flow of a Newtonian fluid through the compliant tube. The distensible wall is incorporated 

using an Arbitrary Lagrangian Eulerian formulation. The fluid domain is an Eulerian reference 
frame while the solid is solved in a Lagrangian reference frame. 

Two commercial packages were used: Fluent v. 6.2.16 (Fluent Inc., Lebanon, New Hampshire, 

USA) to calculate the flow domain; and Abaqus 6.54 (Abaqus Inc., Providence, RI) to calculate 
the solid domain. These were coupled using an in-house interface written in Matlab v. 6.5 r. 13 

(The Mathworks Inc., Natick, MA) code by Mingxiu Li [223,225]. The code has been adapted 
here for use with aneurysms, in particular, the solid domain was modelled as 2D axisymmetric 

and deformations in the longitudinal direction were accounted for. Validation of FSI codes 
is important [227] and the code was validated by Li [223,225] against the Moens-Korteweg 

equation for the wave speed in a thin walled elastic tube and the error was found to be within 
10%. 

The flow was solved first and pressure from the fluid solution acted on the solid to deform it. 

The displacement of the solid was used to adjust the fluid domain and the flow was resolved. 
Hence the solution iterated between solid and fluid until convergence was achieved. A conver- 

gence parameter for pressure was defined, 

n n-1 
Pn = max 

I pý P 
IPn (5.1) 

where pn was the pressure at node i at the nth iteration and max signifies that the maximum 

value for all the nodes is taken. A convergence parameter D, was defined for the displacement 

in the same way. The solution was defined as being converged when, 

Pn, Dn <_ 0.001 (5.2) 

that is, the difference in pressure and displacement between successive iterations was less than 

0.1 %. A small deformation in the flow domain causes a large change in the pressure [227] so it 

was necessary to use under-relaxation. 

5.2.2 Simpler Methods 

In addition to the complete FSI simulations (called FSI2 below) simpler calculations were also 

performed in order to assess the importance of including the complete interaction. Complete 

146 



Fluid Structure Interactions in Axially Symmetric Aneurysm Models 

fluid-structure interaction calculations are computationally intense so if simpler calculations 

can be used they should be, and one of the aims of this work is to determine the conditions 

under which simpler simulations can be used. 

Other simulations carried out in this work were: 

SP -a homogeneous pressure analysis applying the time dependent outlet pressure wave along 
the whole length of the aneurysm. 

RW -a fluid simulation with rigid walls. The wall was deformed to its position at diastolic 

pressure first using a SP calculation to ensure the diameter of the vessel was similar to that in 

the FSI calculations. 

FSIIsp -a one way coupled simulation with wall motion found from a SP calculation with the 

outlet pressure applied homogeneously and flow calculated in the moving domain. 

FSIIRW -a one way coupled simulation with wall motion obtained from applying pressure 
found from a RW calculation to the solid and then flow calculated in the moving domain. 

FSI2 - complete fluid structure interaction. 

5.2.3 Models 

5.2.3.1 Geometry 

There have been many studies on abdominal aortic aneurysms based on simple models which 
have used various geometric shapes as the aneurysm bulge, for example: Gaussian curves [158], 

cosine curves [ 157] and ellipsoids [76]. Although real AAAs come in a wide range of shapes, 
from studying a number of AAAs, see figure 5.1, it appears that in many the change from a 

normal width aorta to the the bulged region is quite sudden and in general encompasses two 

regions of particularly high curvature over the length of the neck. From the work of Elger et al. 
[155], who examined tissue stresses in various aneurysm shapes analytically, these aneurysms 

with high curvature should experience higher stresses than more smoothly varying ones and so 

this type of shape was chosen for this study as a worst case scenario. The wall shape can be 

described mathematically as a parabola-exponential. That is, if the axis of symmetry is the x 
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/ 

Figure 5.1: Real AAAs and parabola-exponential curves 

axis and y describes the position of the wall then, 

y= e-cl 
jx1raJC2 [(rh 

-ra) -C3 
(x 2 Ira)] +ra (5.3) 

where rQ is the radius of the undilated section which was chosen to be 1 cm, as for the normal 

abdominal aorta, rh is the maximum radius of the aneurysm and Cl, C2 and C3 are constants 

which were chosen to give an approximately realistic AAA curve: Cl = 10-3, C2 = 10 and 
C3 = 0.2. Aneurysm models were created with a range of rh from 2 to 3.5 cm, see table 5.1. 

5.2.3.2 Wall Properties 

There have been many studies of the mechanical properties of both normal and aneurysmal 

abdominal aortic tissue. Vande Geest et al. [228] investigated the biaxial properties of the 

normal abdominal aorta and found that, although under equibiaxial tension there was no signif- 

icant difference in the circumferential and longitudinal peak stretches, individual samples were 

anisotropic: stiffer in the circumferential direction than in the longitudinal direction. 

He et al. [ 19] compared tissue from eight normal and eight aneurysmal aortas in uniaxial tests 

and found aneurysmal tissue to be significantly stiffer than normal tissue. They fitted the stress- 
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strain relationships to an exponential relationship: 

6= gebe (5.4) 

were ß is the stress, E is the strain, and a and b are fitting parameters. a was 319 + 81 for 

aneurysmal tissue and was not significantly different for normal tissue, whereas there was a 

significant difference in the values of b: 25.0 + 4.1 for normal tissue compared to 38.7 ± 6.6 for 

aneurysmal tissue. Raghavan et al. [60] also found AAA tissue to be significantly stiffer than 

normal tissue in uniaxial tests and their results suggested AAA tissue was essentially similar in 

circumferential and longitudinal directions. Thubrikar et al. [62] performed uniaxial texts on 

AAA tissue from different regions of aneurysms. In contrast to Raghavan et al. [60] they found 

that in all regions the wall stiffness was greater in the circumferential than the longitudinal 

direction, and in addition the lateral and anterior regions were stiffer in both directions than 

the posterior region. The most recent investigation of the ex vivo mechanical properties of 

AAA tissue was by Vande Geest et al. [149] who performed biaxial testing. As with their 

normal abdominal aortic specimens [228] there was no significant difference in the average 

values of circumferential and longitudinal peak stretches, but, the individual samples exhibited 

anisotropic behaviour which was stiffer circumferentially than longitudinally. They used the 

following strain energy function: 

W= bo 
(eb1eu1'2 

+e b2Eü12 +e b3EOOELL 
-3I (5.5) 

where E00 and ELL are the Green strain tensor components in the circumferential and longitu- 

dinal directions and b0 - b3 are the fitted parameters. 

Although most authors have reported anisotropic stiffness, because the objective of this work 

was to evaluate the importance of FSI, it was felt that an isotropic model was sufficient. The 

model used was also homogeneous which is a further limitation. 

The wall was modelled as an incompressible material with a hyperelastic stress-strain relation- 

ship given by Raghavan and Vorp [59] based on their earlier measurements [60]. The strain 

energy W, as a function of the first invariant, IB, of the Left Cauchy-Green tensor, B, is given 

by, 

W =a (IB-3)+P(IB-3)2 (5.6) 

Raghavan and Vorp [59] used the data from their earlier paper [60] to find mean and 95% 
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confidence intervals for the coefficients a and P. These values were used here to create three 

different materials to assess how variation in the material stiffness affects the tissue stress and 
blood flow. The stress strain relationship for the three models is shown graphically in figure 

5.2. 
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Figure 5.2: Stress strain relationships for the three AAA wall material models used. 

Raghavan et al. [61] measured the wall thickness at 100 sites on 4 excised AAAs and found 

it was inhomogeneous, varying from 0.23 mm, near to a site of rupture, up to 4.26 mm, at a 

calcified site. In this work the wall had a homogeneous thickness of 1.48 mm, which is the 

median of the measurements by Raghavan et al. [61 ]. 

5.2.3.3 Thrombus Properties 

There have been several studies of the mechanical properties of intraluminal thrombus. Di 

Martino et al. [161] performed uniaxial mechanical tests on thrombus samples and found a 

linear stress strain relationship with a Young's modulus, Ey, of 0.13 + 0.06 MPa. Wang et al. 

[43] fitted their data to a strain energy function: 

ITS = Cl (IIB - 3) + c2 (IIB -3 )2 (5.7) 

where IIB is the second invariant of the Left Cauchy-Green tensor, B, and cl and c2 are the fitted 

parameters. They found no difference in cl and c2 between circumferentially and longitudinally 
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oriented samples suggesting isotropic properties, but they were higher in the luminal than the 

medial layer, showing the thrombus is heterogeneous. With biaxial mechanical testing Vande 

Geest et al. [229] confirmed the thrombus is isotropic but their biaxial strain energy function 

was quite different to the uniaxial one [43]. 

In this work the linear model used by Mower et al. [163] was adopted for the thrombus with 
E=0.1 MPa and Poisson's ratio 0.49 (as the thrombus is nearly incompressible [230]). 

A further three models were created with varying thicknesses of thrombus. These three had the 

same wall as model 1 but with the addition of a thrombus layer which filled the space between 

the wall and a parabola-exponential, equation 5.3, with rQ = 1.0 cm, rb = 3cm - r, where r, is 

the maximum thickness of the layer and Cl = 10-3, C2 = 15 and C3 = 0.2. 

wall properties /MPa 

model maximum maximum a 
radius rb/cm thrombus 

thickness 
r, /cm 

1 3.0 0 0.174 1.881 
2 3.0 0 0.144 1.152 
3 3.0 0 0.204 2.610 
4 3.5 0 0.174 1.881 
5 3.0 0.5 0.174 1.881 
6 3.0 1.0 0.174 1.881 
7 3.0 1.5 0.174 1.881 
8 2.0 0 0.174 1.881 
9 2.5 0 0.174 1.881 

Table 5.1: Summary of f model properties. Diameter is the diameter of the unstressed model. 

5.2.4 Meshes 

The aneurysms were modelled as 2D axisymmetric and meshes were created in Gambit v. 
2.2.30 (Fluent Inc., Lebanon, New Hampshire, USA). 

5.2.4.1 Inlet and Outlet Lengths 

The geometry of the `standard' shape for the 6 cm diameter aneurysm is shown in figure 5.3. 

It was necessary to check that the inlet and outlet lengths were long enough; that is that the 
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Figure 5.3: Geometry of the 'Standard' 6 cm diameter aneurysm 

solution was unaffected by making them longer. 

The `standard' 6 cm aneurysm has an inlet length of 12.5 cm, where the term `inlet length' is 

defined as the distance from the inlet to the position of maximum diameter. Additional meshes 

were produced with inlet lengths of 11.5,13.5 and 35.0 cm and the axial-velocity on line 1, 

throughout the cardiac cycle and after 3 cycles, was calculated for each mesh. 

The `standard' 6 cm aneurysm has an outlet length of 22.5 cm; the term `outlet length' is defined 

as the distance from the position of maximum diameter to the outlet. Additional meshes were 

produced with outlet lengths of 21.5,23.5 and 50.0 cm and the axial-velocity on line 2, was 

calculated for each mesh. 

5.2.4.2 Lumen Mesh 

The 6 cm aneurysm shape was meshed using structured quadrilaterals in the inlet and out- 
let zones as shown in figure 5.4. The central, bulged region was meshed using unstructured 

quadrilaterals. 

Figure 5.4: Mesh for 6 cm aneurysm 

Three meshes were produced, each with a grid spacing half that of the coarser mesh; mesh 

parameters are given in table 5.2. 

Flow was calculated using inlet flow and outlet pressure (described below) using the different 

meshes and with time steps as shown in table 5.2. Velocity magnitudes from the three meshes 

were compared to assess mesh convergence. 
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mesh structured zones unstructured zones time step 
longitudinal spacing (mm) radial spacing (mm) spacing (mm) (s) 

8 1.6 0.8 0.8 0.012 
4 0.8 
2 0.4 

0.4 
0.2 

0.4 0.006 
0.2 0.003 

Table 5.2: Mesh parameters 

5.2.4.3 Wall Mesh 

The wall of the 6 cm aneurysm was meshed using 3-node, axisymmetric shell elements. Three 

meshes were created with elements 0.4 mm, 0.8 mm and 1.6 mm long. The aneurysm was 
inflated to peak systolic pressure, 16.3 MPa (122 mmHg), and stresses and displacements with 

the three different meshes were compared. 

5.2.4.4 Thrombus Mesh 

wall 
3-node elements 

thrombus 
8-node elements 

Figure 5.5: Solid mesh for 6 cm aneurysm with I cm thrombus layer 

The geometry of the 6 cm aneurysm with a 1.5 cm thrombus layer is shown in figure 5.5. 

Three meshes were created with 0.4,0.8 and 1.2 mm elements. The wall was meshed with 3- 

node, axisymmetric, shell elements and the thrombus was meshed with 8-node, axisymmetric 

elements. The aneurysm was inflated to peak systolic pressure, 16.3 MPa (122 mmHg), and 

stresses and displacements with the three different meshes were compared. 

5.2.5 Boundary Conditions 

A velocity condition was used at the inlet with the aortic bifurcation flow wave taken from the 

paper by Olufsen et al. [132] (figure 5.6) and the spatial velocity profile derived assuming fully 

developed, Womersley, flow [179]. The boundary condition used at the outlet was the aortic 

bifurcation pressure wave from the same paper [132]. Olufsen et al. measured the flow in the 

aorta of a healthy male using MRI and estimated the pressure by solving a1D model of the 

arterial system with structured tree outflow conditions. 
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Figure 5.6: Inlet flow and outlet pressure boundary conditions 

The aneurysm models were longitudinally tethered by constraining the nodes at both ends to 

only move radially. 

5.3 Results 

5.3.1 Meshes 

5.3.1.1 Inlet and Outlet Lengths 
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Figure 5.7: Variation in axial velocity with length of inlet (left) or outlet (right) 

The variation in the axial velocity on line 1 with length of inlet is shown in figure 5.7. Extending 

the inlet length did not appear to make a difference to the axial velocity on line 1. The mean 
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percentage difference between the axial velocity on line 1 with the standard 12.5 cm inlet and 

with the 35 cm inlet was 0.9 %. The difference between the profiles at 11.5 and 12.5 cm 
is unlikely to be realistic and is probably a reflection of the coarseness of the mesh in these 

calculations. 

The variation in axial velocity on line 2 with outlet length is also shown in figure 5.7. Small 

changes in the position of the outlet made no change to the velocity and neither did extending 

the outlet length. The mean percentage difference between the axial velocity on line 2 with the 

standard 22.5 cm outlet and with the 50 cm inlet was 0.8 %. 

5.3.1.2 Lumen Mesh Convergence 

The effect of mesh refinement was examined by comparing velocity magnitude at points on 
the three meshes. The order of mesh convergence, p, was calculated for each point using 
[194,231]: 

p= In C8 - C4 / In(r) 
(C4 

- c2 
(5.8) 

where c is the velocity magnitude and r is the mesh refinement ratio which was 2 here. p varied 

with position but the mean was found to be 2.1 so for most of the geometry the solution was 
2nd order. 

The following ordered error estimators [ 194] were used to calculate the mean percentage errors 
for each grid which are shown in figure 5.8: 

fine= 
£ 

(5.9) 
rp-1 

EYp 
Ecoarse = 

rp -1 
(5.10) 

where, 

C2 - Cl (5.11) 
C2 

The solutions were in the asymptotic range [194]: 

E48 
= 1.1 (5.12) 

rPE24 

The velocity magnitude on the radial line at the maximum bulge diameter with each mesh is 
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Figure 5.8: mean error 

shown in figure 5.9. Also shown are the values for a ̀ 0 mm' mesh, the continuum values. These 

were calculated using Richardson extrapolation [ 194] with meshes 2 and 4: 

C2 - C4 
CO=C2+ 

Yp- 1 

5.3.1.3 Wall Mesh Convergence 

(5.13) 

The radial wall displacement and Mises stress on the inner edge of the wall are shown in figure 

5.10. There is negligible difference in both stress and displacement over this range of mesh 

densities. The peak displacement was 1.75 mm for all three meshes and the peak Mises stress 

was 0.5569,0.5551 and 0.5538 MPa for the 0.4,0.8 and 1.6 mm meshes respectively. Errors in 

finite element analyses can be calculated based on Richardson extrapolation [232], in the same 

way as CFD errors. This gives an ordered error estimate of 0.1 % on the 0.4 mm wall mesh. 

5.3.1.4 Thrombus Mesh Convergence 

The radial wall displacement and Mises stress on the inner edge of the wall are shown in fig- 

ure 5.11. As in the model without thrombus there is negligible difference in both stress and 

displacement over this range of mesh densities. The peak displacement was 1.53 mm with all 

three meshes and the peak Mises stress was 0.4322,0.4318 and 0.4322 MPa with the 0.4,0.8 

and 1.2 mm meshes respectively. The ordered error estimate is 0.03 %. 
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5.3.1.5 Cyclic convergence 

Cyclic convergence was assessed by comparing the velocity magnitude at 12 points within the 

aneurysm bulge at the same phase in successive cycles. The velocity magnitude and conver- 

gence at 4 of these points is shown in figure 5.12 along with velocity vector plots at selected 

time points. The difference in the velocity magnitudes between successive cycles, and the mean 

of the percentage differences, were calculated. The mean of the percentage differences, for all 

200 phases and at 12 points, was found to be below 20% by the end of the fourth cycle and the 

difference between 4th and 5th cycles was just 3 %. These are percentage differences relative 

to the point velocity magnitudes which means that when the velocity is very small, such as in 

recirculation regions, even a very small difference in the velocity results in a large percentage 

error. 

5.3.2 Tissue Stresses 

The stress distribution in the 6 cm aneurysm is shown in figure 5.13 at diastole and systole. The 

stress shown is the von Mises stress, a scalar function giving the magnitude of the stress tensor. 

The stress is concentrated in two regions at the `necks' of the aneurysm. The stress varies 

across the thickness of the wall with the highest stress on the inner edge of the wall and the 

lowest stress in the middle of the wall. At systole there are also two local stress maxima on 

the `corners' of the inner aneurysm wall. The magnitude of the stress distribution can be seen 

more clearly in figure 5.14 which shows the hoop, longitudinal and von Mises stress at the time 

of peak stress. The results for the three different FSI methods are shown. Values for the peak 

stresses are given in table 5.3. 

FSI von Mises hoop longitudinal 

method stress % difference stress % difference stress % difference 
/MPa from FSI2 /MPa from FSI2 /MPa from FSI2 

SP 0.5587 1.1 0.5433 1.1 0.3225 0.94 
FSIIRW 0.5435 1.7 0.5281 1.7 0.3150 1.4 
FSI2 0.5527 - 0.5373 - 0.3195 - 

Table 5.3: Peak stress at systolic pressure in 6 cm aneurysm 

The differences between the three different FSI methods are small, the maximum peak stress 
difference is only 1.7 %. These differences are bigger than the discretization error, which was 

estimated at 0.1 %, showing they are real differences, but they are far smaller than the variation 

159 



Fluid Structure Interactions in Axially Symmetric Aneurysm Models 

0.4 
point 1 
point 2 
point 3 
point4 

0.08 

0.3 

E 
0.2 

CD 
0.1 

0.06 
N 
E 

0.04 

a, 
0.02 

- #, ä- ý -- -. Y'- 

0ý 
0 2468 

time /cardiac cycles 

F 2.32e-01 
(a) 

' 1.60e-01 

_- } 

JJJ litt ýirý ý 
Iý 

r/ 

6.50e-05 1 9.19e-05 

(b) 0.360 s-0.3 cardiac cycles (c) 0.960 s-0.8 cardiac cycles 
F 2.54e-01 1.53e-01 

14 

! If 

2.48e-04 7.95e-05 

(d) 0.1560 s-1.3 cardiac cycles (e) 0.2160 s-1.8 cardiac cycles 

2.56e-01 1.46e-01 

// 
1 

ti 
ýr ýýlb 

2.43e-04 

(f) 0.2760 s-2.3 cardiac cycles 

15.94e-05 

(g) 0.3360 s-2.8 cardiac cycles 

Figure 5.12: Temporal, cyclic convergence 

2468 
time /cardiac cycles 

160 



Fluid Structure Interactions in Axially Symmetric Aneurysm Models 

30 

20 

10 

0.6 

0.5 
a 

0.4 
U, 

0.3 

M 0.2 
0 

-40 -20 0 20 40 -40 -20 0 20 40 
rl 

0.1 0.15 0.2 0.25 0.3 0.35 0.4 0.45 0.5 0.55 
Mises stress IMPa 

Figure 5.13: Stress distribution at minimum pressure (left) and maximum pressure (right) with 
FSI2. Wall thickness has been exaggerated for clarity. Grey line shows unde- 
formed aneurysm shape. 

von Mises stress 

J'ý-nIýJ 
0.1 

0.6 
0.5 

0.4 

0.3 

0.2 

0.1 

hoop stress 

.I, 

-JHT 
\- 

longitudinal stress 

0 50 
x position /mm 

0.3 outer wall - SP 

- inner wall - SP 
outer wall - FSI1 

_RW inner wall - FSI1 
-RW 0.2 outer wall - FSI2 

inner wall - FSI 
2 fý "j 

0.1 

0 

-50 0 50 -50 0 50 -50 
x position imm x position /mm 
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in stress across the thickness of the artery wall. The differences in magnitude between the 

proximal and distal stress peaks were smaller than the errors. 
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Figure 5.15: Wall motion in 6 cm aneurysm: distance moved between diastole and systole 

The wall motion perpendicular to the axis (y-direction), that is the difference between the po- 

sitions at systole and diastole, along the length of the whole model and throughout the cardiac 

cycle is shown for each FSI method in figure 5.15. The maximum y displacement is 0.303, 

0.287 and 0.297 mm for SP, FSIIRW and FSI2 respectively and occurs at the aneurysm ̀ necks'. 

If the total wall motion is considered, accounting for x as well as y motion the artery is seen 

to move most at the distal end of the aneurysm which corresponds to the middle of the artery 

model. This is clearly shown in figure 5.13 by the difference in the deformed and undeformed 

shapes. The reason is that the artery was constrained in the x direction at either end and so 

stretching of the wall results in more x motion in the middle. Reasons for the difference in the 

temporal variation in the y displacement are discussed later. 
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5.3.2.1 Effect of Diameter 

Stresses along the inner and outer edges of the walls of the four different diameter aneurysms 

are shown in figure 5.16. The shapes of the stress plots for each diameter are very similar 

although there is a clear increase in the magnitudes with aneurysm diameter. Small differences 

include: absence of the third and fourth local hoop stress maxima in the 4 cm aneurysm; and 

negative, or compressive, longitudinal stresses for the two largest aneurysms (6 and 7 cm). The 

compressive stress is a result of bending which produces a compressive stress along one edge 

and a tensional stress on the other edge. There is no point along the wall where both edges were 

under compression, if this were the case the wall would buckle. 

The peak systolic von Mises stress can be seen (in figure 5.17) to increase linearly with diameter 

as predicted by the Laplace equation but with an offset accounting for the straight tube parts. 
The error in the SP peak stress, compared to the FSI2 peak stress, decreases with diameter from 

2.2 % at 4 cm to 1.1 % at 7 cm whereas the error in the FSI I RW peak stress increases with 
diameter from 0.61 % to 1.5 %. 

5.3.2.2 Effect of Material Stiffness 

Stresses in the models with different material stiffnesses are shown in figure 5.18. The `middle 

stiffness' has the average parameters in the group of aneurysms investigated by Raghavan and 
Vorp [59] while `low stiffness' and 'high stiffness' had the parameters of the lower and upper 
95 % confidence intervals for the group. The stresses vary much less with stiffness than with 
diameter and there are only small changes. 

Figure 5.19 shows that the peak von Mises stress decreases slightly with stiffness. The total 

change in stiffness over the full range of stiffnesses is only about 5 %. Since the change in 

stress is small the difference due to the FSI method becomes comparable. The error in the 

SP peak stress, compared to the FSI2 peak stress, increases with stiffness from 0.97 to 1.2 % 

whereas the error in the FSI1RW peak stress is fairly constant at around 1.6 %. 

5.3.2.3 Effect of Thrombus 

Figure 5.20 shows the effect of increasing the thickness of the thrombus layer on the stress 
distribution. Without a thrombus layer, the stress is concentrated in four regions, two being at 
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Figure 5.16: Peak systolic stress in aneurysms with increasing diameter 
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the necks of the aneurysm and the other two being on the inner edge of the `corners' of the 

aneurysm. The presence of a thrombus layer reduces the stress magnitude over the whole wall. 
It also changes the stress distribution as with a thrombus layer there are no longer stress peaks 

at the aneurysm corners. Stress in the thrombus layer is much lower than that within the wall 
due to its much lower stiffness. In the models with 0.5 and 1.0 cm of thrombus the stress is 

concentrated at the inner `corners' whereas in the model with a 1.5 cm layer the high stress 

region extends along the inner edge of the thrombus. 

The tissue stresses within the walls of the models with different thrombus layers are shown in 

figure 5.21. Both peak hoop stress and peak longitudinal stress decrease with the thickness of 

the thrombus layer. As shown in pictures of stress distribution (figure 5.20) the local maxima 

at the aneurysm corners, visible at about ±10 mm in the aneurysm without thrombus (figure 

5.21 a) are eliminated in the aneurysm with the thickest layer. The peak longitudinal stress shifts 

from the inner to the outer layer as the thrombus layer increases. 

The decrease in the peak von Mises stress is shown more clearly in figure 5.22. The mean errors 

in the simpler methods as compared to FSI2 are similar without thrombus and with a 0.5 or 1.0 

cm layer: 1.5 % for SP and I% for FSI1RW. There is a sudden increase at 1.5 cm of thrombus 

with mean errors of 3.4 and 3.2 % for SP and FSIJRW respectively. 
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Figure 5.22: Variation in peak von Mises stress with thrombus thickness 

5.3.3 Blood Flow 

Flow patterns for the 6 cm aneurysm are shown in figure 5.23. At the start of the cardiac cycle 

a toroidal vortex sat at the distal end of the bulge. As the flow accelerated this vortex died away 

and a new one was formed at the proximal end of the bulge as the flow started to decelerate. This 

toroidal vortex moved down the aneurysm. The blood in the centre of the torus was squashed 
into a narrow passage and moved much faster than the surrounding blood. The vortex stopped 

moving distally when it reached the end of the aneurysm. As the flow slowed down the vortex 
lost strength so that at the start of the next cycle it no longer impinged on the blood in the core 

region and this moved slower than the blood in the vortex. 

The vortex, and the fast flow in its core, moved across the aneurysm in a short pulse, also seen 
in the works by Deplano et al. [75] and Salsac et al. [79]. During the systolic acceleration 

phase the flow remained attached at the wall because the adverse pressure gradient created by 

the diverging walls was counteracted, and exceeded, by the positive pressure gradient due to 

temporal acceleration. As the flow rate peaked the adverse pressure gradient became greater 

than the positive pressure gradient, the flow in the aneurysm cavity slowed down, the boundary 

layer thickened and the wall shear stress went to zero so the flow detached from the wall and 

vortices formed. In the rapidly decelerating flow the adverse pressure gradient dominated, 

pushing the flow backwards, except in the central core which had more momentum. In the 

decelerating flow the vortex moved along the aneurysm cavity (average speed 7.8 cm s-1, peak 

speed in the middle 11 cm s-1) crossing the 4.5 cm in 0.2 s and reached the distal end at 

peak reverse flow. The vortex moved slower than the blood in the core which had a speed of 

* 
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Figure 5.23: Flow patterns throughout cardiac cycle in 6 cm aneurysm 
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22 cm s-1. As the flow then started to accelerate again the pressure gradient reduced (became 

less adverse) and the strength of the vortex diminished. 

In comparison the blood flow pattens in the rigid walled calculation were similar. However, 

the axial velocity inside the vortex ring in the RW calculations was higher and the vorticity 

magnitude was larger. The vortex position was slightly ahead of that in the FSI2 calculation 

and reached the distal end slightly earlier. 

The axial velocity along the axis, and the wall shear stress, throughout the cardiac cycle and 
for each FSI method, are shown in figure 5.24. The general characteristics of the plots are the 

same for each method. The region of fast flowing blood in the centre of the toroidal vortex is 

clearly visible as a diagonal ridge in the plots of axial velocity. The velocities at peak systolic 
flow in the rigid walled (RW) model are faster than in the three flexible models due to the 

expansion in these models. In RW the lowest velocities occur in two areas: in the aneurysm 
bulge at the very end of the cycle and the start of the next one; and at the time of peak reverse 
flow in the distal part of the aneurysm ahead of the toroidal vortex. In the flexible models the 

lowest velocities occur around the same times but they are never as low, the velocity along the 

axis is never reversed. The maximum velocity on the axis of RW is the same before and after 

the aneurysm, while the compliant models store up some of the blood during systole, releasing 
it later so the peak velocity distal to the bulge is smaller than that proximal, but the velocity 
during the diastolic peak is higher than that in RW. 

The WSS is very low within the aneurysm cavity throughout the cycle. It peaks at around 0.15 

Pa during peak systolic flow and has a minimum of around -0.15 Pa during peak reverse flow. 

For the rest of the cycle the WSS in the aneurysm is almost zero. In RW there is a large spike 
in the WSS at the distal end of the bulge which corresponds to the bottle neck region where 

the blood is accelerated into a narrower region. The peak in the flexible models is similar but 

smaller. The lowest WSS values occur at the distal end of the aneurysm during the diastolic 

flow peak (0.8 s) which is when the vortex impacts on the wall. 

A feature which is more apparent in the smaller aneurysms, but is there in all of them, is a 

trough in the WSS which follows the ridge in the axial velocity in space-time with a slight 

shift. This is also due to the distally moving vortex which has fast forward flow through its 

core, but reverse flow on its outer edge. Figure 5.25 shows velocity on the axis, WSS and 

velocity vectors at 0.6 s to illustrate this. 

171 



Fluid Structure Interactions in Axially Symmetric Aneurysm Models 

RW 

0 U. US 
-1 

0.05 

1010 
0.5 0.5 

time /s 0 -0.05 x position Im time /s 0 -0.05 x position /m 
FSI1SP 

y 
E 

0.2 
0 
>0 

.X 
Cu 

W 
E 

. 2: ý 
Ü 0.2 
0 
>0 
Cu 
x 
cu 

U0 
0.05 

0 
0.5 

time /s 0 _0.05 x position /m 

FSI2 

0.2 
0 

0 0.05 4.: 0.05 494 m 

1 ,,.. 01ý0 
0.5 0.5 

time Is 0 -0.05 x position /m time Is 0 -0.05 x position Im 
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Figure 5.25: Axial velocity and WSS and flow pattern in 4 cm aneurysm with FSI2 

5.3.3.1 Effect of Diameter 

Mean, maximum and minimum WSS for the aneurysms of increasing diameter are shown in 

figure 5.26. Note that the maximum and minimum plots are taken over the whole cycle and 

not plots from a single time step. The mean WSS within the aneurysm bulge decreases from 

around 0.022 in the 4 cm aneurysm to around 0.0025 Pa in the 7 cm aneurysm. The oscillation 
in the WSS in the bulge also decreases from -0.25 - 0.27 Pa at 4 cm to -0.05 - 0.05 Pa at 7 

cm. 

The mean error in the WSS, as compared with the WSS in FSI2, varied with diameter with an 
increasing trend, see figure 5.27. The largest errors occurred in RW while both the one way 
FSI methods performed similarly, FSI15p being slightly better than FSIIRW for small aneurysm 

volumes and vice versa for the 7 cm aneurysm. The reason for the WSS large errors in RW 

are clear, the wall deformation is not included and so the flow and hence the WSS are quite 
different. However, the reason for the relative errors in FSI15p and FSIIRw is less apparent. The 

largest contribution to the mean WSS error is from errors in the outlet section of the aneurysm 

model. Errors in the volume of the aneurysm model, due to incorrect prediction of the wall 

position, account for the error in the mean WSS. If the volume change over time is incorrect 

flow in the outlet length will also be incorrect as blood must be either sucked in or pushed out 

to fill the model. Errors in the outlet flow rate will create errors in the WSS in the outlet region. 

Figure 5.28 shows the temporal volume derivative (dV/dt) in the 6 cm aneurysm as an example 

along side the variation in the error in dV/dt with diameter. 
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Figure 5.26: WSS in aneurysms with increasing diameter 
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5.3.3.2 Effect of Material Stiffness 

Mean, maximum and minimum WSS, taken over the cardiac cycle, for the aneurysms of in- 

creasing stiffness are shown in figure 5.29. The mean WSS within the aneurysm bulge increases 

from around 6.5 x 10-3 Pa in the aneurysm with the lowest stiffness to around 0.014 Pa in the 
high stiffness aneurysm. The oscillation in the WSS in the bulge also increases from -0.062 - 
0.0062 Pa at low stiffness to -0.10 - 0.014 Pa at high stiffness. 

0.1 

0.08 

0.06 

C 
0.04 

nM 

ýr SP 
FSI1_sP 

* FSI1-RW 
-° 

low stiffness middle stiffness high stiffness 
material stiffness 

Figure 5.30: Variation in mean WSS error (as compared with FSI2 results) with material stiff- 
ness. Calculated over the region -0.05 to 0.05 m. 

The variation in the mean WSS error, as compared with FSI2, with stiffness is shown in figure 

5.30. As the material stiffness increases the aneurysm dilates less and wall motion has less of 

an effect so the errors in all three simplified methods are reduced. 

5.3.3.3 Effect of Thrombus 

Figure 5.31 shows blood flow patterns in the aneurysm with the thickest layer of thrombus (1.5 

cm) in a rigid wall and FSI2 calculation. The flexible walls effect the blood flow dramatically, 

for example, at 0.2 cardiac cycles the inlet flow is much faster than the outlet flow since the 

aneurysm is expanding so some of the blood gets stored up and then released later in the cycle 
(figure 5 

. 
31 f). 

Figure 5.32 shows the mean, maximum and minimum WSS, taken over the cardiac cycle, for 

the aneurysms with increasing thrombus thickness. Without the thrombus layer there are just 

two negative peaks in the mean WSS whereas when the thrombus is included there are several 

negative peaks. This is due to the change in lumen diameter going from the region where the 
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Figure 5.32: WSS in aneurysms with increasing thrombus thickness 
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blood is in contact with the wall to the region where the blood contacts the thrombus and then 

back again at the distal end. This change in geometry can be seen in figure 5.20. Figure 5.31 g 

shows small vortices are established in this region at the proximal end of the aneurysm which 

complicates the flow pattern compared to the models without thrombus. With 1.5 cm thrombus 

there is no negative spike in the WSS at the distal end. The maximum WSS and minimum WSS 

in the aneurysm bulge increase and decrease respectively with the amount of thrombus as the 

velocities in the bulge are bigger when the lumen diameter is smaller. 

Comparing the different FSI methods the errors in FSIisp and FSIIRW were similar, around 0.04 

Pa with 0,0.5 and 1.0 cm thrombus. With 1.5 cm the error increased to 0.2 Pa for both FSI1 sp 
and FSI1RW. 

5.4 Discussion 

In this work a thorough comparison of tissue stresses and blood flow in axially symmetric 

aneurysms with and without fluid-structure interactions has been performed. 

The effect of incorporating the FSI (FSI2) on the tissue stress is minimal with errors between 2.2 

and 1.1 % with varying diameter from 4 to 7 cm when a homogeneous pressure (SP) calculation 
is used. Variation in the error due to omitting the FSI was similar to that due to changing the 

material stiffness over the range found within the AAA population. Incorporating a thrombus 

layer reduced the tissue stresses in the aneurysm but errors due to FSI omission were the same 

as those without the thrombus layer except with the thickest layer when they increased to 3.4 

%. Hence the use of a homogeneous pressure calculation of the tissue stresses is most probably 

accurate enough for the majority of purposes. Use of a 1-way coupled simulation based on 

the pressure obtained from a fluid simulation in a rigid walled model FSIIRw does not always 

reduce the error in the peak stress below that of the SP error. 

These results are similar to those of Leung et al. [173] who found the difference in peak 

stress between SP and FSI2 to be less than I %. They used patient-specific lumen geometries 

with a wall fabricated at the lumen-thrombus boundary. Scotti et al. [ 172] found much larger 

differences between SP and FSI2 estimated stresses of 9% for their model with homogeneous 

wall thickness. 

There is no evidence that aneurysm rupture risk correlates with systolic pressure whereas rup- 
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ture is strongly correlated with diastolic pressure [64,199]. This suggests that modelling the 

stresses throughout the cardiac cycle may be important in assessing rupture risk. Errors in the 

mean tissue stress found here were very similar to those of the peak tissue stress. 

The tissue stress is not expected to vary with material stiffness when the applied force is the 

same since stress is defined as a ratio of force to the applied area. However, due to the aneurysm 

shape, and the decrease in deformation with increasing stiffness, which results in a lower area 
for the pressure to act on, a small, but significant, reduction in the peak stress was found with 
increasing material stiffness. The analysis was geometrically (as well as materially) nonlinear. 
This is in agreement with the results of Raghavan and Vorp [59]. Wilson et al. [123] found that 

ruptured aneurysms were significantly more compliant than unruptured ones and Lindholt et al. 
[233] found that aneurysm walls which were more calcified, which would tend to make them 

stiffer [168,234], had lower expansion rates and reduced need for surgery. It is likely that the 

compliance of aneurysms, being dependent on their biological formulation, is a symptom of the 

strength or thickness of the material and that highly compliant aneurysms which have failed to 

remodel and produce extra collagen are weaker. However, it appears that reduced stiffness may 

also increase tissue stress by up to 5% which would enhance the correlation between rupture 

and compliance. 

Including flexible walls in the models with either FSI, sp, FSIIRW or FSI2 changed the blood 

flow patterns compared to rigid walled (RW) models with slower flow in the outlet during 

systolic dilation and faster flow during diastolic contraction. The velocity on the axis of the 

flexible models is never reversed as it is in the RW model. WSS in the bulge oscillates slightly 

more in RW compared to the flexible models with a slightly higher maximum WSS and slightly 
lower minimum WSS. Errors in the mean WSS in RW varied between 0.075 and 0.095 Pa which 
is between 30 and 60 % of the mean WSS in the bulge. The inclusion of flexible walls therefore 

has a much larger effect on the WSS than on the tissue stress. However, the wall motion can be 

predicted using FSIISp or FSIIRW methods which are considerably faster than FSI2. Errors in 

the mean WSS in FSIjsp or FSIIRW were similar, varying between 0.02 and 0.05 Pa or 10 to 30 

% of mean WSS in the bulge. 

Scotti et al. [ 172] describe more dramatic differences in their blood flow patterns with FSI 

compared to RW models. However, their use of a linear material produced larger wall displace- 

ments (peak displacement was 2 mm or 6.66 % of the aneurysm radius) than in this work, which 

would make more of a difference to the blood flow patterns. In this work the peak displacement 
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in the 6 cm aneurysm was just 0.65 mm or 2.2 % of the aneurysm radius. In the aneurysms 

with thrombus the percentage displacement of the lumen boundary was higher, up to 0.84 mm 

or 5.6 % of the maximum lumen radius. These displacements are smaller than the often quoted 

value of 10 % for normal arteries, but they are in line with the values found in the MRI scans of 
AAA patients in Chapter 4. These patients had lumen area changes of about 5% in the diseased 

region which is a radius dilation of about 2.5 %. 

5.4.1 Pulse Wave Propagation 
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Figure 5.33: Spatial and temporal pressure distribution in 6 cm aneurysm with FSI2 

It has been suggested that the variation in the spatial pressure distribution due to fluid dynamics 

may influence the tissue stress distribution and for this reason several groups have developed 

FSI models of both simple and patient specific aneurysms [5 6,173,182,185,222]. Deplano et 

al. [75] studied the flow in rigid and compliant idealized aneurysm models and suggested that 

vortices impacting on the distal wall would result in localized regions of high pressure. 

Figure 5.33 shows the variation in pressure in the 6 cm aneurysm throughout space and time. 

The spatial variation is less than 10 % of the temporal variation and occurs over the whole length 

of the vessel, rather than locally. The cause of the differences between the FSI2 results and the 

other simulations is the propagation of the pressure wave along the vessel, which produces 

pressure variations which are not included in the other models. 
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The pressure wave at the inlet to the 6 cm aneurysm model can be seen to be a different shape 

to that at the outlet. This is shown more clearly in figure 5.34 along with the outlet flow rate. 
Although the `wobbles' in the inlet pressure are fairly small the resulting wobbles in the outlet 
flow are considerable. Similar wobbles can be seen in the paper by Scotti et al. [ 172] where 

they manifest as oscillations in the volume of the models. These wobbles are thought to be 

due to the fact that the boundary conditions were not matched to the aneurysm models and are 

therefore inconsistent with each other. In a rigid walled model the pressure has no affect on 

the flow which is governed entirely by the inlet flow. However, in a flexible model the pressure 

causes the vessel to dilate, but if the vessel dilates there must be flow into the model in order 

to fill the extra volume. Hence the inlet flow and outlet pressure must be consistent with each 

other and with the geometry and material properties of the model. This is a limitation of the 

work in this chapter but using matched boundary conditions is expected to result in smaller 

errors rather than larger ones and would therefore not change the overall conclusions. 

5.4.2 Transient Vortices 

In reality, transient conditions occur for much of the time in vivo; for example when someone 

wakes and stands up a sudden pressure difference is introduced between the upper and lower 

body. Figure 5.35 shows the effect of a sudden reduction in the inlet pressure. In this case it 

was caused by sudden expansion of the aneurysmal tube from its zero pressure configuration to 

its configuration at diastolic pressure. The sudden pressure drop caused blood to be sucked up 

from downstream at flow rates of over 4000 cm3 s-1. This immediately established vortices in 

the bulge and as the blood in the outlet length decelerated down towards more normal values a 

series of counter rotating vortices was created. By 0.120 s (0.1 cardiac cycles) velocities in the 

outlet tube had diminished but a fast vortex remained inside the aneurysm containing velocities 

up to 4m s-I . 
Another two vortices were also present but with smaller velocities. 

Figure 5.35h shows how these vortices evolved over subsequent cardiac cycles. The patterns 

changed and blood gradually slowed down. At the end of the third cardiac cycle three vortices 

were still present and the solution had not yet reached the steady state. By examining the 

velocities at specific points and at the same phase in successive cardiac cycles it could be seen 

that it takes about 7 cardiac cycles in order to reach a steady state solution. The difference in 

the velocity magnitude for successive cycles was calculated and the mean percentage difference 

was calculated. The mean of the percentage differences, for all 200 phases and at 12 points, 
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was found to be below 20% by the end of the seventh cycle. 

Turbulence has not been included in any of these simulations so in reality the vortices would 
die away faster. These results are an example of how changing the boundary conditions tem- 

porarily results in changes in the blood flow patterns, which must be happening frequently in 

vivo throughout a normal day. The results are an example of how the Navier-Stokes equations 
depend on the initial conditions and not just the conditions at the edges, and that even with the 

same conditions at the edges there are different solutions if the initial conditions are different. 

5.4.3 Limitations 

The residual stress has not been included in this work. Residual stress is the stress in the artery 

wall which remains when there is no pressure in the artery [17]. Residual stress causes an artery 

to open out if it is sliced longitudinally; the opening angle is a measure of the residual stress. 
The residual stress is highest on the outer edge of the artery wall and it is this variation across 

the wall thickness which causes the artery to open out. In the calculations here, the tissue stress 
is highest on the inner wall. It is expected that including the residual stress in the calculations 

would cancel out some of the variation in stress across the wall thickness and result in the stress 
distribution evening out. 

The wall was modelled as a hyperelastic material so the stress at any given time is a function 

only of the internal pressure at that time and so all the techniques will give similar stresses at 

any time. However, if visco-elasticity were incorporated into the material model there would be 

a phase shift between the pressure and distension which would make the FSI more complicated 

and incorporating the complete FSI may make more of a difference. 

The use of an isotropic, homogeneous wall is a further limitation which would alter the stress 

values and the wall motion but is not expected to alter the conclusions regarding the influence 

of FSI. The assumption of blood as a Newtonian fluid is justified since non-Newtonian effects 

are only significant in small arteries. 

The geometry of the aneurysm models is a huge simplification of the geometry of real aneurysms. 

These are asymmetric, come in an infinite variety of shapes and have the iliac bifurcation at the 

distal end. However, the purpose of this work was to establish the differences in tissue stress 

and blood flow when different fluid structure interaction models were used which is easier in 

a simplified model. In vivo the blood flow patterns and tissue stresses would be modified by 

186 



Fluid Structure Interactions in Axially Symmetric Aneurysm Models 

the geometry of the aneurysm but the differences in the results due to different model tech- 

niques are expected to be similar. The use of a symmetrical model prevents any asymmetric 

phenomena from being studied. For example vortex shedding from a stenosis is asymmetric 
[47,224,235]. 

Steady flow studies on simple aneurysms found that turbulence was encouraged by the geom- 

etry, with turbulent flow for Re greater than about 1750 - 2000 [109,110]. The maximum Re 

here was comparable with this range, Re = 1730 based on the inlet conditions and calculated as 

Re = dVmean/V for consistency with [109,110] and where Vmean was the mean velocity across 

the inlet at peak flow and d was the diameter of the inlet. A limitation of this work was the 

omission of a turbulence model, which would allow for more realistic energy dissipation in the 

vortices. 

5.5 Conclusions 

A thorough analysis of the blood flow and tissue stress in axially symmetric, flexible aneurysms 
has been conducted. Peak tissue stress was found to increase linearly with aneurysm diameter 

over the range 4 to 7 cm. Peak tissue stress decreased by 5% over the range of increasing 

material stiffnesses found in aneurysm patients. A thrombus layer also reduced the peak tissue 

stress, when the thrombus layer was 50 % of the aneurysm radius the peak stress was reduced 
by 36 %. Omission of the fluid-structure interaction made little difference to the calculation 

of peak tissue stress with a 1.1 % error in a6 cm aneurysm with average stiffness and without 

thrombus. 

Blood flow patterns consisted of toroidal vortices which formed during systolic deceleration 

and moved down the aneurysm in agreement with other similar studies. WSS in the aneurysm 
bulge decreased with aneurysm diameter and increased slightly with material stiffness. The 

blood flow patterns were altered by the flexible walls compared to models with rigid walls. 
Flow in the rigid walled models was faster in the core of the vortex ring and the flow was 

reversed during diastole. WSS errors in the rigid walled model were between 30 and 60 % of 

the mean WSS. Wall motion could be predicted using simpler 1-way coupled fluid-structure 

interactions which had errors of 10 to 30 % of the mean WSS compared with the complete 
fluid-structure interaction. 

In conclusion, the decision as to what modelling technique to use depends on whether it is tissue 
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stresses or blood flow that is interesting. Incorporation of the complete FSI is unnecessary for 

prediction of tissue stresses within the aneurysm wall. Predictions of blood flow patterns and 
WSS are altered by including flexible walls and it may be necessary to simulate the fluid- 

structure interaction for calculating these. 
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Chapter 6 
A Lumped Parameter Model of an 

Aneurysm to find the Outlet Pressure 

Stresses in the arterial wall are determined by the blood pressure in the vessel and wall shear 

stress on the lumen surface is determined by the flow rate. However, interaction of the blood 

and the artery wall, which causes a time varying lumen geometry, was shown in Chapter 5 to 

influence calculations of both tissue stress and wall shear stress albeit in a fairly small way. 
Propagation of the pressure and flow waves through the artery is the cause of these effects. 
Modelling the pulse wave propagation requires inlet and outlet boundary conditions which 

are compatible with each other and with the arterial geometry between them. This chapter 
investigates the use of a lumped parameter model of the aneurysmal artery for finding the outlet 

pressure boundary, with the aim of removing the unphysiological `wobbles' in the inlet pressure 

and outlet flow seen in Chapter 5. 

6.1 Introduction 

Three dimensional CFD models of arteries are ideal for calculating local wall shear stress 

(WSS) and tissue stress distributions in patient specific arterial geometries, and with patient 

specific boundary conditions when these are available. However, in order to study pulse wave 

propagation in three dimensional geometries, complete fluid-structure interaction models are 

required. These are computationally expensive, and therefore unsuitable for modelling larger 

sections of the arterial network. For many purposes, for example estimating the central pressure 

wave from the radial wave as in pressure tonometry using a Sphygmocor type system, they are 

also excessively complicated. Several different types of lower dimensional models have been 

developed for studying various aspects of the cardiovascular system. 

Lumped parameter models take the properties of the whole vascular system and `lump' them 

together into a few parameters. A single tube with properties of the whole system is used to rep- 

resent the whole of the network structure [ 124]. These models exploit an analogy between fluid 
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Qin 

pnRC 

(a) mechanical model 

Figure 6.1: Windkessel 

C 

flow in a system with compliant walls, and electrical circuits consisting of resistors, capacitors 

and inductors [125]. Viscosity is treated as resistance, compliance is accounted for by capaci- 

tors and fluid inertia is inductance. Flow is then analogous to electrical current, while pressure 

is analogous to voltage. The simplest lumped parameter model is the Windkessel: a resistor and 

a capacitor in parallel, see figure 6.1 for a comparison of the mechanical and electrical models 

[32,124]. There is no inductance, so the fluid in the mechanical system is massless. 

Lumped parameter models provide no information about the spatial variation in pressure or 

flow waves, which is where distributed models can be useful. Models such as the ones by 

Avolio [ 128], or Stroev et al. [ 129,130], consider each arterial segment as a transmission line, 

with resistance, capacitance and inductance, and all the segments connected to form the arterial 

tree. 

Other types of lower dimensional models of blood flow in the arterial system solve the Navier- 

Stokes equations in one dimension with an equation of state for the arterial wall [131,132,236]. 

Connecting sections of artery modelled in full 3D to sections, either proximal or distal, which 

are approximated using a reduced model, is nontrivial since the 3D section requires the bound- 

ary conditions to be specified on the whole cross section, while the reduced models only provide 

averaged data. Methods have been developed for dealing with these issues by incorporating all 

the models into one set of equations [30,224,237]. Alternatively the reduced model and 3D 

models can be solved sequentially [238]. In this case the 3D model is represented as a section 

of the reduced model of the whole vascular system. If flow in the 3D section is calculated using 

approximate boundary conditions, a reduced model of this section can be created by fitting its 

parameters to the 3D results. The reduced model can then be used to find correct boundary 

conditions for the 3D section. One of the advantages of this method is that multiple diseased 

sites can be incorporated [238]. This is useful as patients with AAA often also have associ- 
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ated aneurysms in the iliacs or other arteries [160], and many have atherosclerotic plaques too 

[15,199]. 

A lumped parameter model of the aneurysm and downstream impedance will be used to in- 

vestigate the possibility of producing boundary conditions, based on the ones for the healthy 

abdominal aorta found by Olufsen et al. [ 132], but adjusted to match the geometry and mate- 

rial properties of the models in this study, thereby improving on the outlet pressure boundary 

condition used in Chapter 5. 

6.2 Methods 

Axially symmetric aneurysm models with flexible walls were created and the full 3D flow 

within was calculated using a fully coupled fluid-structure interaction (FSI) as described in 

Chapter 5. The boundary conditions used were the flow and pressure found by Olufsen et al. 

[132] in the abdominal aorta, with the flow applied at the inlet of the model and the pressure at 

the outlet. Pressure at the inlet and flow at the outlet were obtained from the 3D simulation. 
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Figure 6.2: Lumped parameter models of an aneurysm 

ut 

A series of four lumped parameter models of the aneurysmal artery were created (figure 6.2), 

based on the electrical circuit analogy, and with increasing numbers of inductors (L), capacitors 

(C) and resistors (R). Using circuit theory, equations could be found for the outlet flow (Im) and 
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pressure (V0 1) in terms of the inlet flow (1,,, ) and pressure (i gin) and the L, C, and R parameters. 

As an example the equations for LC2R1 are derived below, it is straightforward to alter these 

for LCRI, LCR2 and LCR3. 

From Kirchhoff's laws: 

V1 = Vi, -Rlin -L1 
dlin 

(6.1) it- 

Il = Iout + 
dQ2 

(6.2) 
dt 

vout Vin -RJin -L 
Win 

atin -L2 
dgl 

ät (6.3) 

'out = tin 
dQl dQ2 

(6.4) - dt dt 

where Q1 and Q2 are the charges on Cl and C2, and since the charge on a capacitor is Q= CV, 

6.2 and 6.4 become, 

Ii = Lout +C2 
d Vout 

dt 
(6.5) 

d V1 d Tut 
'out Ain - Cl 

dt - C2 
dot 

(6.6) 

Then substituting I' = le" and V' = Velvet to get flow and pressure in terms of frequency gives: 

VI Vn - Rn - io L1I n (6.7) 

Ii ý Iout + iwC2 Vout (6.8) 

Vout ̀Vn-Rn-iw»LIn-iwL21i (6.9) 

(6 Lout -In- 
iwCI Vif - iwC2 Vaut (6.10) 

The individual frequency components for Ii',, I ,, t, Vi',, and Vour were found using a Fourier 

transform. The high frequency components were set to zero to avoid fitting to noise. An 

equation for the difference between the values of I , 
"'t and V,, ',,, calculated as above, and the 

values from the simulation, was then formulated: 

ý'2 = 
clout 

- 
I'n + iwCIVII + üwC2Väut 12 +1 Vout - V`n +RI'n + iwLItn iwLzh 12 (6.11) 

where the summation is over all the frequency components. 
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x2 was then minimised using Matlab 6.5 r. 13 (MathWorks Inc., Natick, MA, USA) to find 

values for all the L, C and R parameters. In this way lumped parameter models of each of the 

3D aneurysms were produced. 

The fitted results from the lumped parameter models were compared with the results of the 3D 

simulations, and of the four lumped parameter models LC2R1 was found to give the best fit 

with the fewest parameters. 

To produce the new boundary conditions it was necessary to embed the lumped parameter 

aneurysm within a model of the whole arterial system. A transmission line model of the arte- 

rial tree [ 128,129] could have been used, with the abdominal section replaced with the lumped 

parameter aneurysm. However, for simplicity, and as a first approximation, it was decided that 

the inlet boundary condition could remain the same, that is the healthy abdominal aortic flow 

rate from Olufsen et al. [132], and the outlet would be terminated with some downstream 

impedance representing all of the arteries below the aortic bifurcation. Using just a resistor 

would mean the flow and pressure where in phase at the outlet which is physiologically unreal- 
istic. Instead a Windkessel was used (figure 6.1). Then, using the flow wave for the initial 3D 

simulation, the outlet pressure wave could be calculated. 

The value of Rout was chosen such that the inlet and outlet pressures were in the physiological 

range and Cour was chosen so that the inlet and outlet flows maintained the same basic shape. 

With such a simple downstream impedance it was not possible to get a very realistic outlet flow 

wave or pressure waves but if the Windkessel worked it should be possible to extend the idea 

by using a complete transmission line model of the arterial system. 

Having found the new outlet pressure the full 3D calculations were performed in the same way 

as the original ones, described in Chapter 5, but with the new boundary conditions. 

6.3 Results and Discussion 

6.3.1 Lumped parameter aneurysm 

Of the four different lumped parameter models LC2R1, LCR2 and LCR3 were all found to 

fit the 3D results well (figure 6.3). LC2Rl was then chosen as it has the fewest parameters. 

The fits for LC2R1 are shown for a straight tube and the aneurysms with different diameters 

in figure 6.4. The fits are slightly worse for the larger aneurysms, most noticeably during the 
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Figure 6.3: Inlet flow and pressure in the 6 cm aneurysm fitted with the 4 different lumped 

parameter models. 

reverse flow phase. 

The individual R, L and C parameters and the total resistance, inductance and capacitance 

are shown in figures 6.5 and 6.6. The resistance increases with aneurysm diameter, the total 

inductance decreases and the total capacitance increases. 

Changes in the capacitance with aneurysm diameter and stiffness are the largest changes. These 

changes are intuitive, however, the smaller changes in resistance and inductance are less so. 
Since they are less intuitive the reasons for the resistance and inductance trends will be derived 

from fluid dynamic principles in the next two sections. 

6.3.1.1 Resistance 

The resistance due to steady flow in a straight tube is predicted by Poiseuille's law to decrease 

with tube diameter according to: 

1.6 

1.5 

cU d 
1.4 

co 
U) 

2 1.3 

R! 
8µL 
Irr4 

(6.12) 

where L is the length of the tube and r is its radius. That is, the resistance decreases with tube 

radius, apparently contradictory to what has been found in the aneurysm models. However, the 

situation in tubes with diameters which vary along their length is more complicated. Changes 

in diameter are a source of `minor losses' in pipe lines; when the flow is disturbed there is flow 

separation and energy is lost due to increased viscous effects [ 112]. 
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Figure 6.4: Inlet flow and pressure fitted with the LC2R1 lumped parameter model in the 
straight tube and the aneurysm models with different diameters. Dots are the 3D 

simulation results and the line is the fit from LC2RJ. 
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Consider two planes through a sudden expansion shown in figure 6.7. The velocity on a plane 

Sl, with area A 1, is vl and the area of S2 is A2 and velocity is v2. vl and v2 vary with position 

on the plane but have the mean velocities w, and v2. 

Figure 6.7: a sudden expansion 

The equation for continuity of mass is: 

AIv =A2v2 

and equating impulse and momentum change gives: 

ýP1 P2) A2 = PAIV, (v2 -vl) 

(6.13) 

(6.14) 

and then the energy loss is given by the work done on the fluid minus the change in kinetic 

energy: 
Pi - P2 V22 _ V12 (6.15) Erosr =- 

P2 

Substituting 6.13 and 6.14 into 6.15 gives: 

22 

Erosr =21-A (6.16) 
A2 

And so, the energy loss increases with the difference in areas. In the aneurysm model the 

expansion is not sudden and so the loss is lower than this prediction. The energy is dissipated 

by the vortex in the aneurysm, the size of which increases with aneurysm diameter. Sudden 

constrictions also produce losses [112] and so there is a further energy loss due to the diameter 

constriction at the distal end of the aneurysm. A sudden constriction produces a submerged jet 

following the contraction after which the flow must expand to refill the tube. It is this expansion 

which produces the majority of the loss due to a sudden constriction. 

The loss of energy due to the aneurysm bulge also results in a loss of momentum. Since blood 

198 

Sý S2 



A Lumped Parameter Model of an Aneurysm to find the Outlet Pressure 

x 10-5 

8 
0) 

O 
N 

-0 4 
v 
0 Lrn 

0.2 0.4 0.6 0.8 1 1.2 
time Is 

CIE 
2.8 

.02.6 C 
CU 

L 2.4 
0 

2.2 

ä2 
s C 1.9 

1.6 

a 

x106 

* 

* 

4567 
aneurysm diameter /cm 

(a) axial-velocity integrated over planes before (b) difference in mean integrated velocity before and 
(solid lines) and after aneurysm (dashed lines) after aneurysm 

2. ota01 2.28e-01 - 
1.91e-01 2.17x01 - 
1.81"1 2.05o-01 
1.71.01 1.94a 01 
1.61o-01 1.82o-01 
1.51o-01 1.71x01 "" - 

1.41 e 01 1.60"1 

1.21-01 1.37,01 ------ 
1.11o-01 1.25o-01 -#t" 
1.01e-01 1.14o-01 
9.06o-02 _"-- 

~-1.03o-01 

B. 06o-02 ---9.13o-02 

7.05.7.99.02 
6.050 02 6.850-02 
5.04.02 5.71.02 
4.04o-02 4S7o-02 
3.03.02 3.430 02 
2.03o-02 229o-02 
1"02. -02 1.15. -02 
1.56,04 6.99. -05 

Velxly Vedas Cobred By Velocity Magnqude (Mn me=5.28009.00) Jul 19,2007 Velocity Vedas Colored By Velodty Magnüude (I. 
segregated, dp, 8ý. 

19,2D 
FLUENT B. 2 (axý , segregated, dynamesh, ram, unsteady) FLUENT 6. . 2 lam, unsteady) 

(c) Vortex in 4 cm aneurysm (d) Vortex in 7 cm aneurysm 
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is an incompressible fluid, the density is constant, and the momentum is proportional to the 

velocity. Figure 6.8a shows the integral of the velocity, over planes at the x locations -0.05 and 

0.05 m for each of the aneurysms of different sizes. Figure 6.8b shows how the difference in 

the average momentum before and after the aneurysm increases with the aneurysm diameter. 

Resistance decreases very slightly with material stiffness which is simply due to the slight dif- 

ferences in the diameter of the aneurysms of different stiffness because they expand differently 

under the same pressure. 

6.3.1.2 Inductance 

In the mechanical analogy the inductance of the system is attributable to the fluid inertia, or 

momentum. In a straight tube the inductance would be expected to increase with diameter as 

the mass of the fluid increases. The decrease in the inductance with aneurysm diameter can be 

explained as follows. 

Consider two planes through the simple aneurysm shown in figure 6.9. The velocity on a plane 

SI, with area A1, is vl and the area of S2 is A2 and velocity is v2. vl and v2 vary with position 

on the plane but have the mean velocities v and i3 . 

Figure 6.9: a simple aneurysm 

By continuity of mass: 

AIV =Azv2 (6.17) 

Considering the momentum in the direction of the axis leads to a relationship between the 

momentum within the bulge and the bulge diameter. The momentum on S2 is: 

u2=pv22A2=pV2Ai l 
2 (-) (6.18) 
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So as the diameter increases the momentum in the bulge decreases and the overall inductance 

of the aneurysm decreases. In figure 6.1Oa the variation in the volume integral of the axial 

component of the velocity, proportional to the momentum, with time for each of the aneurysms 

with different diameters is shown. The peak integrated velocity is clearly smaller in the larger 

aneurysms, however, this is not the case during the diastolic phase. Figure 6. lOb shows the 

mean of the integrated velocity over time and the graph clearly has a very similar shape to that 

of the change in total inductance with diameter (see figure 6.5). Figures 6, lOc and 6. lOd show 

the spatial distribution of axial velocity in the smallest and largest aneurysms at the times of 

peak axial-velocity. 
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Figure 6.10: Axial-velocity integrated over the cardiac cycle decreases with aneurysm size. 

Like resistance, the change in inductance with material stiffness is due to the slightly different 

expansions. 
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6.3.2 Downstream Impedance 
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Figure 6.11: Influence of downstream impedance parameters R0 and Co, O on aneurysm 
boundary conditions. Effect of varying R0 (Rod in Pa s m3) with Cow = 
0.02 m3 Pa- l 

The downstream impedance model was a Windkessel with resistance R, and capacitance Cow. 

Figures 6.11 and 6.12 show the effect of varying the values of R0 and Co,, on the boundary 

conditions of the lumped parameter straight tube if the inlet flow is kept constant. 

At low values of R0 the outlet flow compares well with the inlet flow in both shape and 

magnitude, however, the shape of the pressure wave is incorrect. Increasing Rom produces 

a more realistic pressure wave but produces an outlet flow wave without reverse flow. Low 

values of Co, produce reasonable pressure waves but give outlet flow waves the same shape 

as the pressure waves. Increasing Co, d changes the shape of the outlet flow wave so that it is 

more similar to the inlet flow wave than the pressure waves but also introduces a high frequency 

oscillation. 

Values of R0 and C0, a (9 Pa s m3 and 0.02 m3 Pa-1 respectively) were chosen as a compromise 
between producing realistically shaped boundary conditions, having realistic magnitudes and 

minimizing the high frequency oscillation. Figure 6.13 shows the outlet pressure boundary 

condition for each of the aneurysms with different diameters. 

202 



A Lumped Parameter Model of an Aneurysm to find the Outlet Pressure 

x 10-6 inlet flow x 10-5 outlet flow 

l) 
E4 
ö 

n 

V 

6 

time Itimesteps 

x 104 inlet pressure 

2.2. 

i7\, 2- 
0.1.8 

1.6 

j2 1.4 
CL 

1.2 

1 i 

8 

6 

M 
ö 

0 
-2 

2 

C0 = 0.001 

- Cow=0.01 
CoIA = 0.02 
Cout =0.2 
C=2 

OIA 

time /timesteps 

x 104 outlet pressure 

m 
0. 
Q7 

1.5 

I / 

time ltimesteps time /timesteps 

Figure 6.12: Influence of downstream impedance parameters R0 and C0 on aneurysm 
boundary conditions. Effect of varying Cow (Cod in m3Pa-1) with Rom _ 
9Pasm3 

X 104 
2.2 

2- 

1.8- 

1.6- 
Ch 

1.4 

1.2 

1 

straight tube (2 cm) 
4cm 

°5 cm 
6 cm 
7 cm 

time /timesteps 

Figure 6.13: Outlet pressure boundary conditions for aneurysms with varying diameters 

and downstream impedance boundary conditions Rom = 9Pa s m3 and C0, = 
0.02m3Pa- I 

203 



A Lumped Parameter Model of an Aneurysm to find the Outlet Pressure 

6.3.3 3D calculations 

The complete FSI calculations for a straight tube and the four different diameters of aneurysm 

were repeated using the boundary conditions derived with the lumped parameter model. The 

outlet flow and inlet pressure for the the third cardiac cycle are shown in figure 6.14. Although 

the inlet pressure results fit the prediction from the l LD model fairly well, the outlet flow shows 
less agreement and as the aneurysm diameter increases the quality of the fit is reduced. 

The lumped parameter model fitted the original 3D model results well, that is, it was an accurate 

model of the 3D model with the original boundary conditions. However, the results from the 

new 3D calculations do not fit the lumped parameter predictions so well, which shows that the 

lumped parameter model must depend not only on the geometry of the 3D model but also, to 

some extent, on the boundary conditions. The reasonable agreement in the straight tube and 

smaller aneurysm results shows that these lumped parameter models are more transferable than 

the larger aneurysm models. 

The total resistance, inductance and capacitance for the new lumped parameter models follow 

the same trends as the original ones. With the new boundary conditions R is larger than with the 

original ones, increasing from 1.1 x 106 to 1.8 x 106Pasm-3 with increasing aneurysm diameter 

from 4 to 7 cm. This is due to the new pressure boundary condition being larger and hence the 

aneurysms have dilated more and the energy loss from the expansion is greater. The new values 

for Ltotai are lower than the original ones, decreasing from 8x 105 to 5.5 x 105Pas2m-3, for the 

same reason. In contrast Ctotai is similar increasing from 0.9 x 10-9 to 1.8 x 10-9m3Pa-1 over 

the range of aneurysm diameters. 

The 3D models are nonlinear: the Navier-Stokes equations are nonlinear and the constitutive 

relationship for the artery wall was also nonlinear. This accounts for the why the lumped param- 

eter model is not completely transferable. To obtain complete agreement between the lumped 

parameter and 3D results it would be necessary to iterate between the models. Alternatively a 

nonlinear lumped parameter model could be introduced, although this would prevent the use of 
Fourier space methods. 
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model prediction and solid line shows the 3D model results. 
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6.4 Conclusions 

A lumped parameter model of an abdominal aortic aneurysm was created using an electrical 

circuit analogy. The model consisted of a resistor, two capacitors and two inductors and was 

shown to reproduce the flow and pressure in the 3D model accurately. Variations of the total 

resistance and inductance with aneurysm diameter were explained in terms of energy losses 

and reduction in total momentum respectively. The lumped parameter model was found to 

be transferable for small aneurysms but not for larger aneurysms. The `wobbles' in the inlet 

pressure from Chapter 5 were removed. 
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Chapter 7 
Conclusions and Future Work 

Abdominal aortic aneurysm is a potentially fatal disease of the aorta affecting approximately 
5% of the elderly population, and yet the progression of the disease is still not fully under- 

stood. The extent to which biomechanical processes influence the disease is unknown but it 

has been shown that peak tissue stress can predict aneurysm rupture, and more recently that 

tissue stresses also correlate with aneurysm growth. The latter is an example of arterial remod- 

elling; the growth of the arterial wall in response to the stresses experienced. The role of fluid 

mechanical factors in aneurysm disease has been studied less, but work in animal models has 

shown that macrophage density gradients are influenced by haemodynamic conditions, and that 

inhibition of platelet aggregation limits aneurysm expansion. The shear force exerted by blood 

flow is considerably smaller than the tissue stresses felt by the arterial wall, but these small 
forces could still play an important part in AAA, possibly in the initiation or early development 

of the disease. With this in mind, the aim of this thesis was to investigate blood flow and tissue 

stresses in models of abdominal aortic aneurysm. 

In chapter 2a method was developed for calculating the blood flow in patient specific aneurysms. 
CT scans were segmented using a semi automatic, threshold based algorithm and the slice con- 

tours were reconstructed to form the arterial geometries. Fluent's mesh adaption was used to 

refine the mesh along the wall and in areas of high velocity gradients to create a mesh which was 
both fine enough and fast enough. Blood flow was calculated in three patients using the same 
inlet velocity and outlet pressure, and flow patterns were found to be highly dependent on the 

specific geometry of the aneurysm, with crescent shaped vortices and helical flow. Mean WSS 

magnitude was lower in the aneurysm bulge than in the inlet length, OSI was more variable in 

the bulge and spatial WSSG was highest in the aneurysm neck and at the distal end. 

In chapter 3 an archetypal velocity wave in the aorta of patients with AAA was found which 

would be suitable for the inlet boundary condition to in vitro or in silico studies of blood flow in 

AAA. The diastolic maximum velocity was found to be significantly different in AAA patients 

to that in young healthy normals, although there were no significant differences between the 
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waveforms of AAA patients and older healthy subjects. Womersley's solution for fully devel- 

oped flow was used to calculate a typical flow wave in AAA patients and the errors in assuming 
fully developed flow were discussed. The archetypal velocity wave, and intersubject varia- 

tion in the characteristic points, found here could be used to investigate the effects of variation 

amongst the population on flow parameters such as vortices, wall shear stress and oscillatory 

shear index. 

The blood flow patterns found in the aneurysms in chapter 2 were interesting, but without val- 
idation of the method there is no way to know if they are accurate. Chapter 4 compared CFD 

estimations of blood flow with phase-contrast (PC) MRI measurements in three patients. Gen- 

erally, applying the correct velocity profile at the inlet, produced velocities in the aneurysm 
bulge in better agreement with the PC-MRI results than simply applying the correct flow rate, 

at the entrance to an inlet length. However, this was not always the case. The length of healthy 

aorta from the inlet section to the aneurysm bulge is likely to be an important factor in calcu- 
lating the velocities within the bulge correctly, since flow in the bulge is sensitive to the inlet 

conditions. The velocity profile at the inlet should be measured after the renal arteries, which 
does not leave much space. A possible solution may be to obtain a long portion of the healthy 

section of the aorta and apply the flow measured just above the aneurysm bulge to the entrance 

of the longer section of anatomically correct geometry. This would allow the flow profile to 

develop correctly and enter the aneurysm bulge with a more correct inlet condition. Flow leav- 

ing the aorta to the renal arteries directly before the aneurysm could still influence the velocity 

profiles within the bulge. These two effects, that is the length of the healthy aorta proximal to 

the aneurysm, and the flow to the renal arteries, should be investigated. This could be done 

with in vivo studies using MRI, as in chapter 4 but with more of the aortic geometry scanned, 

or by registering the MRI measured flow to CT scans as in the work by Kose et al. [208] but 

with a longer aortic section. Alternatively, a more accurate approach may be to investigate 

these effects by comparing flow in an anatomically realistic phantom, measured using optical 

techniques, with CFD results. 

Chapter 5 investigated the effects of the fluid-structure interaction (FSI) on the blood flow 

and tissue stresses in axially symmetric aneurysm models by comparison with rigid walled 

and homogeneous pressure techniques. Omission of the fluid-structure interaction made little 

difference to the calculation of peak tissue stress with a 1.1 % error in a6 cm aneurysm with 

average stiffness and without thrombus. However, the blood flow was influenced more by the 
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interaction with the moving wall. WSS errors in the rigid walled model were between 30 

and 60 % of the mean WSS. Wall motion could be predicted using simpler 1-way coupled 
fluid-structure interactions which had errors of 10 to 30 % of the mean WSS compared with 

the complete fluid-structure interaction. Although blood patterns were fairly similar in rigid 

and flexible aneurysm models there were significant differences in the WSS, which implies 

differences in the other haemodynamic wall properties. If clinical, or animal, studies of the 

effects of flow on aneurysm development revealed that the underlying processes were dependent 

on haemodynamic wall properties, rather than bulk flow characteristics, it would be important 

to include wall motion in aneurysm modelling. Aneurysm geometries have been found by other 

authors to promote turbulence, so future work could investigate turbulence modelling in flexible 

aneurysm models. 

The boundary conditions are much more important in a FSI model, than in a rigid walled sim- 

ulation of blood flow, as revealed in the wobbles contained in the inlet pressure and outlet 
flow in the results from Chapter 5. The boundary conditions need to be matched to each other 

and to the geometry and material properties of the aneurysm model. Even in vivo measure- 

ments of the boundary conditions applied to a geometrically accurate aneurysm model may 

not match exactly, unless the inhomogeneous material properties were reproduced completely. 
Chapter 6 showed how a lumped parameter model of the aneurysm could be formed by fitting 

its parameters to the inlet and outlet pressure and flow from the 3D simulation. The lumped 

parameter model was then used to find new boundary conditions for the 3D simulation. The 

lumped parameter model was shown to be accurate and to have some transferability. More 

iterations between the 3D and lumped parameter models could resolve the transferability is- 

sue. This method of finding the boundary conditions could be used in future FSI models of 

aneurysms, but realistically, faster FSI methods would be required if more complicated, for ex- 

ample asymmetric or patient-specific, aneurysms were to be simulated. The lumped parameter 

models of aneurysms of varying diameter and material properties could be used to investigate 

how aneurysms affect flow and pressure elsewhere in the circulation. The relationship between 

the flow waves before and after the aneurysm was shown to depend on both aneurysm size and 

material stiffness. Material properties are difficult to assess in vivo and investigation of this 

relationship in the blood flow before and after the aneurysm could lead to a novel assessment 

of aneurysm global wall properties. 

The aim of this thesis was to investigate blood flow and tissue stresses in abdominal aortic 
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aneurysms, and this aim was accomplished via several objectives. Methods were developed for 

modelling the blood flow in patient specific aneurysms. The blood flow in realistic aneurysms 

was found to be far more complicated than studies on simple models suggested. The method 

was validated against in vivo measurements with some success. The main finding from this 

study was that aneurysmal flow is highly sensitive to the inlet flow conditions, without accurate 
knowledge of these flow inside the aneurysm cannot be predicted. The blood flow was found to 

have little effect on the tissue stresses. However, the effect of the wall motion on the blood flow 

was larger, with significant differences in the wall shear stresses in flexible and rigid walled 

models. 

In summary, the results from. the patient specific studies are promising but further validation 

studies are required before the method could be used to look at correlating disease progression 

and blood flow parameters. More studies with rigid walled aneurysms could be conducted to 

begin with, before progressing to the smaller effects of the wall motion. 
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Appendix A 
Publications 

A. 1 Papers 

" K. H. Fraser, T. L. Poepping, A. McNeilly, I. L. Megson and P. R. Hoskins Acoustic 

Speed and Attenuation Coefficient in Sheep Aorta Measured at 5-9 MHz Ultrasound in 

Medicine and Biology, 32: 971-980,2006 

" K. H. Fraser, S. Meagher, J. R. Blake, W. J. Easson and P. R. Hoskins Characterization 

of an Abdominal Aortic Velocity Wave in Patients with Abdominal Aortic Aneurysm Ultra- 

sound in Medicine and Biology, available online: doi: 10.10 1 6/j. ultrasmedbio. 2007.06.015 

" W. T. Lee, K. H. Fraser, M. Li, P. Stroev, W. J. Easson and P. R. Hoskins Integrating Three 

Dimensional and One Dimensional Simulations of Hcemodynamic Flow: Modified Wind- 

fessel Model of a Diseased Artery Medical and Biological Engineering and Computing, 

submitted 

" J. R. Blake, S. Meagher, K. H. Fraser, W. J. Easson and P. R. Hoskins A method to 

estimate wall shear rate with a clinical ultrasound scanner Ultrasound in Medicine and 

Biology, submitted. 

A. 2 Conference Proceedings 

e K. H. Fraser, M. Li, W. J. Easson and P. R. Hoskins Fluid-structure Interactions In Ab- 

dominal Aortic Aneurysms Journal of Biomechanics, 39: S 1: 5605-5606,2006 
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