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Abstract

MOTIVATION

Cerebral aneurysms have presented considerable challenges to effective treatment
since their first clinical observation. For some 100 years the only clinical solution was
dangerous and often debilitating open-surgery in the form of a craniotomy. The safety
and efliciency of cerebral aneurysm treatment was greatly improved in the early-
1990s with the introduction of minimally invasive procedures such as endovascular
coiling. The development in the mid-2000s of low-porosity stents, known as flow-
diverters, presented a more sophisticated treatment rationale that focussed on vessel
reconstruction, and addressed cases that would otherwise be problematic to treat by

other endovascular means.

However, current designs of flow-diverter (and all known designs in development) are
limited to near-identical products that risk under-exploiting the potential benefits of
the treatment method. These devices are of a cylindrical, woven construction that
necessitates a fixed mesh design, which means that any variation in design focusses
on device porosity alone. As such, the precise hemodynamic mechanisms, and the
resulting quality of aneurysm treatment by flow-diverter, are under-developed and
poorly understood. There is also concern in the clinical community that the cylin-
drical nature of current flow-diverter devices may lead to daughter vessel sacrifice

when used to treat bifurcation aneurysms.

This thesis specifically focusses on the effect of flow-diverter mesh topology on the
complex hemodynamic environment within the treated aneurysm, and the resulting

implications for treatment success.
METHODOLOGY

In this study, a number of both novel and commercially available flow-diverter de-
signs are virtually implanted into idealised and patient-specific aneurysm geometries.
These devices are then modelled under realistic blood flow conditions with compu-
tational fluid dynamics (CFD) techniques. The devices chosen encapsulate a range
of features that allow the effects of device porosity and device mesh design to be

controlled for and evaluated independently. Conventional cylindrical devices are also



compared to a novel, non-cylindrical device for the dedicated treatment of bifurcation
aneurysms. The aneurysm hemodynamic environment both pre- and post-treatment
is quantified with a number of in-silico measures, such as flow rate, velocity, pressure,
and wall shear stress. Finally, a model of angiographic contrast agent transport is
developed in-silico to begin to verify the complex flow patterns predicted by CFD
simulations with the corresponding in-vivo behaviour seen clinically. A number of
inaccuracies of previous ‘virtual contrast’ models, as presented in the literature, are

addressed and quantified by comparison to a gold-standard in-vivo porcine model.
RESULTS

In a number of aneurysm geometries, novel flow-diverter designs are shown to out-
perform current commercially available devices. The strong influence of device poros-
ity on aneurysm inflow reduction is confirmed with a 10% decrease in device porosity
correlating with around 10-20% reduction in inflow. Variation attributed to device
design alone is also seen; in a number of geometries, differences in flow-diverter mesh
design, at constant porosity, are shown to introduce approximately 10-30% varia-
tion in aneurysm inflow reduction. Such variation is significant and potentially very
important to the development of future endovascular treatment devices. The great-
est variation in inflow reduction seen across the device designs also corresponds to

changes in vorticity and secondary flow effects.

The flow reduction achieved by the novel bifurcation aneurysm device discussed
compares favourably to conventional devices in half of the geometries simulated,
achieving a flow reduction of approximately 30-70%. Across all bifurcation aneurysms
studied, conventional devices produce a relatively uniform flow reduction of 50-70%.
Little change in flow rates for vessels jailed by a conventional flow diverter suggest
that concerns of daughter vessel sacrifice appear unfounded, at least immediately

following device deployment and prior to any neointimal formation.

A number of unusual flow phenomena, which are almost entirely unreported in the
literature, are observed in several aneurysm geometries. In particular, the emer-
gence of stable and unstable laminar flow patterns under stationary conditions lead
to oscillatory behaviour in one aneurysm geometry. Pseudo-stable behaviour is also
observed in another aneurysm geometry whereby steady state and transient sim-
ulations conducted under identical conditions converge to solutions with radically

different flow patterns.

A good in-silico prediction of contrast residence is possible for a pre-treatment

aneurysm geometry, where mixing is prominent. Aneurysm flow patterns after de-



vice placement reveal large spatial-variation in contrast infiltration that challenge
the validity of quantifying contrast residence with a spatially-averaged decay curve.
The most significant source of error between aneurysm contrast decay rate predicted
in-silico and the in-vivo porcine model is found to be the variation in parent vessel

flow rate, and not the density and viscosity changes of the contrast-blood mixture.
CONCLUSIONS

In addition to porosity, flow-diverter device design has a substantial effect on aneurysm
inflow reduction and aneurysm flow pattern. When coupled with improved knowl-
edge of aneurysm thrombosis mechanisms, appropriate changes in flow-diverter mesh
design have the potential to improve the success rate of flow-diverter treatment. How-
ever, the clinical implications of these effects are currently unknown due to the lack

of design variation in commercially available devices.

In cases of bifurcation aneurysms, conventional flow-diverter devices have been shown
to equal or outperform a novel device designed exclusively for bifurcation cases. Al-
though no immediate complications were predicted from daughter vessel occlusion,
the long-term integrity of treatment with conventional cylindrical devices is uncer-
tain, and dedicated devices designed to preserve daughter vessel patency may become

necessary.

The complexity of the flow environment within a cerebral aneurysm has been rein-
forced, and a number of effects have been observed that demand further investigation.
In particular, the role that the observed flow instabilities and the resulting changes in
aneurysm wall shear stress may have in aneurysm rupture mechanisms is an emerging

area of the literature.

Verification of CFD simulations with in-vivo results remains a significant challenge.
The virtual modelling of angiographic contrast residence currently offers the best
route to such verification; although contrast transport may be integrated into cur-
rent CFD simulations with relative ease, washout behaviour appears highly sensitive
to parent vessel flow rates. As such, any contrast-based validation requires knowl-
edge of patient-specific flow rates, which begins to challenge how representative flow

conditions seen during angiography may be.
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Chapter 1

Introduction and Physiological

Background

In this chapter the cardiovascular system and the structure of the artery are introduced in sec-
tion 1.1; blood properties are discussed in section 1.2; details of aneurysm types and risks are
given in section 1.3; treatment options, including minimally invasive options, and specifically
flow-diverters, are detailed in section 1.4; flow-diverter devices currently in use and under devel-
opment are considered in section 1.5; finally, hemodynamic factors corresponding to successful

aneurysm treatment with a flow-diverter device are commented on in section 1.6

1.1 The Cardiovascular System, the Structure of the Vascula-

ture, and Vascular Disease

At the turn of the millennium, ischemic heart disease and cerebrovascular disease were the

leading cause of death worldwide; a trend that shows no sign of abating. [93]

The vital importance of a healthy cardiovascular system was recognised as early as the ancient
Egyptians, but the correct function of the basic anatomy was not known until the work of Harvey
in 1628. [57] The human cardiovascular system comprises a number of elements: the heart, which
acts as a centralised pump that pressurises and ejects blood in a pulsatile manner; the arteries and

arterioles, which transport oxygenated blood throughout the body; the capillaries, microscopic



vessels that deliver oxygenated blood and allow gas exchange with the surrounding tissue; the
veins and venules, which transport deoxygenated blood back to the heart under low pressure;
and finally, the pulmonary circulation, which transports blood from the heart to the lungs to be
oxygenated before returning to the heart. The entire cardiovascular system is regulated by the
sympathetic nervous system, which ensures an adequate pressure and flow rate of oxygenated
blood to all tissue by varying heart-rate and the lumen size of the arterial network. Even brief
dysfunction of any element of the cardiovascular system can lead to complications, which can

cause severe disability or death, in only a matter of minutes.

Composite reinforced by
collagen fibers arranged
in helical structures

Helically arranged fiber-
reinforced medial layers

Bundles of collagen fibrils
External elastic lamina
Elastic lamina

Elastic fibrils

Collagen fibrils

Smooth muscle cell
Internal elastic lamina

Endothelial cell

Figure 1.1: Layers of healthy arterial wall. Adapted from Holzapfel et al.
|60]

Much vascular disease is associated with the arterial network, where the vital movement of
oxygen-rich blood risks being restricted. A healthy cerebral artery has three layers as shown in
figure 1.1. The innermost layer, the intima, is composed of a lower membrane that acts as a base
for the attachment of a layer of endothelial cells, which are exposed directly to the bloodflow.
Changes in the intima are often seen as a result of ageing and vascular disease. The media, the
intermediate layer, is separated from the intima by an elastic laminae. The media comprises
a network of elastic fibres, collagen fibres and smooth muscle cells. The media is usually the

thickest portion of the vessel wall and contributes to the bulk of the mechanical properties of



the vessel. Finally, the outermost layer of the vessel is the adventitia, which is separated from
the media by an external elastic laminae. The adventitia is a relatively stiff outer sheath made
up of helical collagen fibres. The thickness of the adventitia varies depending on the arterial

function, with the adventitial layer in cerebral vessels being relatively thin. [157] [60]

The overall mechanical properties of the artery are dictated by the elastin-collagen matrix and
the relative proportions of each constituent; collagen fibres are typically unloaded and coiled,
providing high tensile strength, while the elastin fibres give the vessel flexibility and elasticity.
[60]

1.2 Properties of Blood and Arterial Blood Flow

Blood is a highly complex fluid that flows at scales from centimetres to micrometers within
the human body in both a steady and pulsatile fashion. The structure of blood is majority
water with a mix of cells, proteins and ions, and approximately 40% of the fluid by volume is
comprised of red blood cells. The viscosity of blood is largely dictated by the presence of red
blood cells, with the interactions between the small, semisolid particles raising the viscosity of

blood to approximately 4x that of water. [76]

This particle-based source of viscosity makes blood a non-Newtonian fluid especially at very low
shear rates and in small diameter vessels and capillaries. However, blood flow in relatively large
arteries, such as the major arteries of the cerebral circulation, is considered to be Newtonian.
[111] Areas of low shear rate present in the tip of an aneurysm dome can result in a localised
increase in blood viscosity due to aggregation of red blood cells [76], however, the effect of
this localised departure from Newtonian behaviour on aneurysm flow pattern and velocity has
been shown to be small. [101] At such scales, a constant dynamic viscosity of 0.0035-0.004 Pa
s is widely assumed in the literature. [63] A dynamic viscosity of 0.004 Pa s will be assumed

throughout this study.

Given that blood is primarily composed of water, and the remaining constituents of blood are
also majority water, the density of blood and water are very similar. The small fraction of

blood constituents that are more dense than water do increase blood density but only by a



few percent. A relatively narrow range of blood densities of 1000-1050kgm ™2 is assumed in
the literature. [119] [141] In this study, blood is modelled as having a density equal to water
(1000kgm—3).

Blood flow in the arterial network experiences a wide range of pulsatility effects. Cardiac output
from the heart is characterised by a high flow during systole and zero flow in the diastole phase
of the cardiac cycle. Flow immediately downstream of the heart in the aortic arch resembles a
smoothed step function with the flow rate falling to approximately zero for the second half of
the cardiac cycle (diastole.) (See figure 1.2) Instability from localised flow reversal and a high

Reynolds number (/4000) result in flow entering the turbulent regime in the aorta. [115]

AORTIC ARCH EXTERNAL CAROTID INTERNAL CAROTID MIDDLE CEREBRAL
ARTERY ARTERY ARTERY

500

Flow (ml/s)

Time (s)

Figure 1.2: Flow magnitude and pulsatility from the aorta to the middle cereal artery (average in bold
of in-vivo measurements in healthy volunteers). Adapted from Reymond et al. [123]

Flow in medium-sized vessels (~1-6mm diameter), like the major cerebral arteries, is charac-
terised by pulsatility that begins to dissipate deeper into the vasculature (compare the ICA and
MCA distributions in figure 1.2) and a non-zero flow rate throughout diastole. Flow is laminar

and localised flow reversal in diastole is very minor and limited to larger vessels.

Finally, flow in very small vessels, arterioles, and capillaries is laminar and pseudo-steady with
an almost complete loss of any pulsatility. In vessels below Imm diameter non-Newtonian effects
become significant with viscosity dominating the flow characteristics. At a finer scale, flow in
capillaries is dictated by interactions at the cellular level and the assumption of treating blood

as a fluid with uniform properties breaks down.

Variation in the waveforms of figure 1.2 is due to attenuation resulting from both the resistance
of the arterial bed and the capacitance of the arterial elasticity. Simplified models of pressure
and flow rate in the vasculature that incorporate these resistive and capacitive elements may be

used to approximate ‘typical’ flow characteristics anywhere in the vasculature. These models



are discussed further in the Boundary Conditions section of the following chapter.

Wall shear stress (WSS) is an important quantity of viscous flow in pipes, and is especially
important in the dynamic system of flow in arteries. There is a well-established relationship
between WSS and endothelial cell function, with WSS acting as a primary pathway for sensing
mechanical stimuli within the vasculature. [121] Normal WSS in the cerebral vascular is con-
sidered to be approximately 2-5Pa. This value is then altered by disease and local stenosis,
vessel curvature, non-circular arterial sections, secondary flow effects, and flow pulsatility. WSS

is discussed in greater detail with reference to aneurysms in section 1.6.5.

Finally, arteries are not a static system; vessels contract and dilate to ensure constancy of blood
flow rate and pressure. This auto-regulatory function in the cerebral arteries is particularly
strong as supply of blood to the brain needs to remain relatively constant despite a cardiac
output that may triple during intense exercise. However, accurately modelling such effects
falls outside the scope of this study. Changes in flow conditions due to heart rate have been
quantified in the literature by Bowker et al. [11], although overall flow patterns were not found
to change considerably due to changes in pulse. In this study, typical ‘at rest’ conditions are
assumed for a healthy individual with a heart rate of 75 BPM. Cerebral arteries are also assumed
rigid in this study. Such an assumption is common throughout the literature for two reasons.
First, accurately modelling the arterial distension is problematic due to the complex anisotropic
structure of the vessel wall and is consequently very computationally costly. Second, flexible
vessels have been shown to have little effect on overall flow patterns and haemodynamic indices
within the vasculature. Instead, distensible vessels mainly act to reduce peak values of WSS due

to deformation at areas of flow impingement. [39]

1.3 Intracranial Aneurysms

Intracranial aneurysms are localised dilations in the wall of the cerebral arteries, most often
occurring in the region of the Circle of Willis, shown in figure 1.3. Although aneurysms are
relatively innocuous and often entirely asymptomatic malformations, their occurrence in such
close proximity to the brain poses a risk of severe complications and leads to a very challenging

treatment environment.
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Figure 1.3: The arteries of the cerebral circulation located at the base of the brain, which form the
Circle of Willis. The cerebral circulation is fed by blood from the Vertebral and Internal Carotid arteries,
which originate at the aorta. (Image: WikiCommons)

1.3.1 Aneurysm Prevalence and Risks

The estimated prevalence of intracranial aneurysms in the general population is around 1-5%.
[12] [153] Some variation in this rate is attributed to ethnicity, gender and a number of risk
factors including smoking, hypertension, alcohol abuse and sympathomimetic drug use. [159]

[29] [75]

A major risk to a patient presenting with an intracranial aneurysm is from subarachnoid haem-
orrhage (SAH) resulting from aneurysm rupture. During SAH bleeding spreads into the sub-
arachnoid space, the cerebrospinal fluid filled cavity separating the meninges that surround the
brain, and triggers an often catastrophic response. The increased intracranial pressure acti-

vates the sympathetic nervous system, which dramatically increases blood pressure. This leads



to further compression of the neural matter and vasculature, resulting in widespread ischemia.

Approximately 85% of all spontaneous SAH cases are due to aneurysm rupture. [53]

Although the estimated aneurysm rupture rate is relatively low, with an annual rate around
3%, the effects of SAH can be catastrophic. Aneurysm-rupture induced SAH has a mortality
rate of 25-45% and a severe disability rate of 17%. [94] [67] Additionally, 5-15% of all strokes
are attributed to aneurysms. [8] Gender and age are also thought to play a role in aneurysm
rupture with the rate of SAH in women being twice that of men, and the highest prevalence

seen between 55 and 60 years of age. [159]

Clinical management of intracranial aneurysms is key as only an estimated 20-50% of cases pose
a risk of rupture during a patient’s lifetime. [29] Aneurysm treatment is often complex and is not
without risks, consequently many patients may be monitored for a long period of time before
treatment is proposed. A conservative approach is also necessitated by the often irreversible
nature of many treatment procedures. The issue of appropriate monitoring and management
is compounded further by the fact that most aneurysms are entirely asymptomatic and are

increasingly being discovered incidentally during unrelated imaging procedures. [153]

As such, the fields of interventional neurology and neuroradiology have adopted imaging and
modelling techniques at a considerable pace in an attempt to elucidate the complex and visually

obscured phenomena that dictate aneurysm management.

1.3.2 Aneurysm Formation and Growth

Inflammation has been found to play a significant role in the inception and growth of cerebral
aneurysms. [3] Such inflammation may result from disease, most notably polycystic kidney

disease, or local blood pressure and complex flow conditions. [122] [24] [25] [157]

The mechanism of aneurysm growth after inception is highly complex and dominated by the
load-bearing relationship of collagen and elastin fibres in the extracellular matrix (ECM) of the
vessel. Under normal conditions, the collagen fibres are unloaded in a crimped configuration
and fibres are being continually deposited and degraded with a half life of around 4 weeks.
Aneurysms develop and grow as medial smooth muscle cells die, elastin fibres within the vessel

wall rupture, and load is transferred to the collagen fibre network. The loss of elastin and smooth



muscle cells in the medial layer is also accompanied by the accumulation of lymphocytes. [48]
The rate of elastin regeneration in the ECM is very slow, with a typical half life of 70 years,
which leads to a vanishing proportion of arterial wall load being borne by elastin fibres. In order
to compensate for the loss of elastin and maintain equilibrium, additional collagen fibres must
be deposited in the ECM. [61] The relatively high turnover of collagen allows for progressive
growth and remodelling of the aneurysm, which may stabilise or continue to grow. [157] The
layer of intimal endothelial cells remains as the aneurysm grows but reorganises according to
local flow conditions at the wall. This can lead to both a highly uniform pattern of cells or a

highly irregular structure associated with intimal thinning. [133]

1.3.3 Aneurysm Types and Locations

Aneurysms may be classified into two broad types: saccular or fusiform.

Saccular aneurysms result from localised vessel wall degradation that does not affect the entire
vessel circumference. A typical sidewall saccular aneurysm is shown in figure 1.4 (left), an
isolated ‘berry-like’ out-pouching forms on straight vessel sections and may have a wide or narrow
neck. Bifurcation aneurysms are saccular aneurysms that form at or near arterial bifurcations
as shown in figure 1.4 (centre). Bifurcation aneurysms often have complex shapes, which may
have a wide or narrow neck, or no clearly defined region neck due to aneurysm and vessel

coalescence.

Sidewall Bifurcation Fusiform

Figure 1.4: Typical aneurysm types: Saccular, bifurcation, and fusiform.

Fusiform aneurysms form at locations where the entire circumference of the vessel wall is de-
graded. Consequently, fusiform aneurysms are amorphous with no visible neck and often form a

highly irregular shape. (See figure 1.4) Fusiform aneurysms often form as dissecting aneurysms,



where a partial tear in the vascular wall is enlarged by flow infiltrating and separating the layers
of the wall and collapsing the original vessel lumen. Fusiform aneurysms are comparatively rare,
especially in the cerebral vasculature, with approximately 90% of all intracranial aneurysms

being saccular in presentation.

Aneurysms may form anywhere in the vascular network, but they are especially prevalent in the

cerebral circulation. [12] Common intracranial aneurysm locations are shown in figure 1.5.

Figure 1.5: Typical aneurysm locations in the cerebral vasculature of the general population (from
Brisman et al. [12])

Cerebral aneurysms commonly form at vessel bifurcations and areas of high tortuosity due to
the prevailing flow conditions. [135] The variation in cerebral anatomy within the population
also influences aneurysm location. Only around 50% of individuals share a ‘text book’ Circle
of Willis. In others, one or more vessels (typically communicating branches) may not be patent
to blood flow or may be absent entirely. [62] Hence, blood flow patterns and pressures are
often highly patient-specific, resulting in susceptibility to aneurysm formation. [137] [36] Also,
additional aneurysms may develop in up to 30% of patients who already have one cerebral

aneurysm. [151] [12]



1.3.4 Factors Affecting Rupture Risk

The mechanisms that initiate aneurysms rupture are complex and poorly understood. However, a

number of clinical metrics have been linked to increased aneurysm growth and rupture risk.

-Aneurysm Size: A number of studies have indicated that large aneurysms (with a major diam-
eter greater than ~7-8mm) enlarge more over time and pose a higher rupture risk than smaller

aneurysms. [14] [81]

-Aneurysm Shape: Many shape factors linked to aneurysm rupture risk have been posited in
the literature. Some measures are relatively simple relations, such as aneurysm aspect ratio
(height /neck width), aneurysm to vessel diameter ratio, bottleneck factor (max diameter/neck
width), etc [59] [40] [145] [81]; others, such as Zernike moments, capture complex geometric
harmonics. [97] In one striking example, Ujiie et al. showed that 80% of ruptured aneurysms had
an aspect ratio (AR) greater than 1.6, compared to only 10% of all unruptured aneurysms. [146|
Irregular and multi-lobed aneurysms with non-spherical shapes are also associated with rupture.
While a wide aneurysm neck and an aneurysm angle that creates an inflow rate typical of the
parent vessel both exacerbate the rupture risk. [36] Broadly, the flow distributions of many at-
risk geometries are characterised by either high degrees of flow jetting or acute areas of flow

stagnation.

-Aneurysm Location: Aneurysm location has been linked to increased ruptured risk in a number
of studies with rupture observed in areas of naturally occurring cross-flow and other complex flow
patterns. Specifically, aneurysms located at the basilar apex, posterior communicating artery,
posterior inferior cerebellar artery, and anterior communicating artery have all been linked to
increased risk of rupture. The risk of rupture was also elevated in aneurysms located in a partial

or highly asymmetric vasculature. 23|

The mechanisms associated with each of these factors will be discussed in detail in section 1.6.
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1.4 Aneurysm Treatment Methods

Aneurysms at risk of rupture or further growth are treated by isolating the delicate lesion from
the vasculature. Treatment methods reduce flow entering the aneurysm dome, which leads to
thrombosis of the aneurysm and a reduced risk of rupture. Both surgical and minimally-invasive

techniques may be used to treat an at-risk aneurysm, as detailed below:

1.4.1 Clipping

Figure 1.6: Aneurysm treatment by clip ligation (clipping) (from Brisman et al. [12])

Unlike other treatments, aneurysm clip ligation (clipping) is performed during open-surgery,
after removing a portion of the skull in a craniotomy. During treatment the aneurysm dome is
isolated from the parent vessel by placing a small metal clip over the aneurysm neck, as shown
in figure 1.6. When appropriate, the aneurysm dome is then drained of blood. The clip remains
permanently in place after the skull has been closed with local endothelialisation at the closed

aneurysm neck returning the vessel to normal function.

The procedure was first performed by Dandy in 1937 [33] and until around 1990, clipping
remained the only treatment option for cerebral aneurysms. Advances in surgical technique
and microscope imaging have improved success rates but the procedure has remained largely
unchanged. Regrowth and delayed bleeding are rare following clipping, but aneurysm remnants
have been observed in 4-18% of patients. [18] A major disadvantage of treatment by clipping

is the highly invasive nature of the procedure, and access can be problematic for aneurysms
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in certain locations. Clipping is often considered the most cost effective treatment option for
giant aneurysms compared to endovascular methods, where treatment cost scales with aneurysm

volume.

1.4.2 Endovascular Coiling

Figure 1.7: Aneurysm treatment by endovascular coiling (from Brisman et al. [12])

Historically, as early as the 1880s, attempts had been made to treat cases from within the
vasculature to isolate aneurysms by filling with wires. [120] However it was the development
of the Guglielmi detachable coil one hundred years later in the late 1980s that substantially

improved and standardised the procedure to make it a viable clinically option. [55]

Unlike clipping, endovascular coiling is performed in an entirely minimally-invasive manner. A
puncture is made in the femoral or radial artery and a micro catheter fed through the circulation,
via the aortic arch, to the site of the aneurysm. A number of platinum coils are then passed
along the tubular catheter and deposited into the aneurysm sac as shown in figure 1.7. The
coils are manufactured with a ‘memory’ that encourages packing into an approximate sphere
with known diameter; sequential coils are selected with tighter packing radii until the aneurysm
is filled to a typical packing fraction around 30-100% by volume. [102] [70] Flow within the
aneurysm dome is substantially reduced after coil placement, which is followed by thrombosis

and aneurysm isolation.

A major advantage of coiling over clipping is the minimally-invasive nature of the procedure.
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Recovery and procedure times are reduced and risk of infection is lowered. [66] A randomised trial
between clipping and coiling ruptured aneurysms, the International Subarachnoid Aneurysm
Trial (ISAT), found that disability-free outcome was higher in cases of coiling. [99] However,
there have been reports of increased risk of rebleeding in aneurysms treated with coils due to

coil compaction. [1]

Coiling is not a viable treatment option in aneurysm geometry shapes that are not capable of
securely containing the coils and risking occlusion of the parent artery. Very large aneurysms
require many coils (>50) for adequate isolation, which can lead to very high treatment costs.
Additionally, large aneurysms are often symptomatic due to a ‘mass effect’ whereby the enlarged
aneurysm dome rests on a nerve within the skull or restricts blood flow in a neighbouring vessel.
Coiling treatment cannot reduce such symptoms as the size of the aneurysm is not reduced after

filling with coils and thrombosis.

1.4.3 Stent-Assisted Coiling

Figure 1.8: Stent-assisted endovasular coiling of a wide-necked cerebral aneurysm (from Brisman et

al. [12])

A major limitation of conventional endovascular coiling lies in the risk of coil prolapse and sub-
sequent occlusion of the the parent vessel, especially in wide-necked aneurysms. The technique
of stent-assisted coiling, illustrated in figure 1.8, uses a high porosity cerebral stent to act as a
scaffold within the vessel lumen that prevents coil prolapse. The stent is delivered first by micro

catheter in the same manner as the subsequent coils. The aneurysm is then isolated by throm-
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bosis, as in conventional coiling, and the stented lumen is reconstructed by re-endothelialisation

at the stent struts.

Stent placement can be problematic in complex bifurcation geometries, and occasionally, two

)

stents deployed in a ‘Y’ configuration may be required. [128] Reports in the literature indicate
an increased risk of in-stent thrombosis and emboli transport, especially in complex multi-stent

cases, but this risk is small. [65]

1.4.4 Flow-Diverter

Figure 1.9: Flow-diverter treatment of a sidewall aneurysm

Developed from conventional high-porosity stents used for stent-assisted coiling and to remedy
arterial stenosis, flow-diverters are low-porosity stents that can be used in isolation to treat a

cerebral aneurysm.

Porosity is defined in equation 1.1 below as the fraction of a device mesh that is open and not

obscured by struts or wires.

Area of Mesh Pores Area of Device Wires
Total Mesh Area Total Mesh Area

Porosity =

(1.1)

For regular intracranial stents the value of porosity is around 85-95% and the device functions
primarily as a structural scaffold. [134] The lower porosity of a flow-diverter device, typically

around 60-70%, gives rise to sufficient resistance to flow that the device alone may be used to
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treat an aneurysm. [64]

A flow-diverter is delivered minimally-invasively in the same manner as high porosity stents. De-
signs of current clinical devices are constructed from interwoven filaments that may be collapsed
into the catheter and unsheathed progressively at the site of the aneurysm neck. The device
may be fully retrieved with up to 90% of the flow-diverter length deployed. [17] The reduced
flow into the aneurysm dome leads to thrombosis. Fully-thrombosed aneurysm domes treated by
flow-diverter have been observed to shrink and be slowly reabsorbed over time, thereby reducing

any aneurysm mass effect. [104]

Flow-diverters offer a very elegant method of aneurysm treatment with the delicate aneurysm
dome left untouched and the device itself eventually being fully endothelialised into the ves-
sel lumen. Additionally, aneurysms of all shapes, sizes and neck-widths may be treated by
flow-diverter, as no portion of the device enters into the potentially delicate aneurysm dome.
There are mixed results in the literature regarding the use of flow-diverters to treat bifurcation
aneurysms and thereby risking the jailing one or more daughter vessels with the low-porosity

mesh. [2]

Given that the low porosity of the flow-diverter mesh blocks the aneurysm neck entirely, no other
endovascular methods, such as coiling, may be subsequently used if the aneurysm obliteration
is not complete by flow-diverter alone. There are examples in the literature of ‘telescoping’
multiple flow-diverter devices inside one-another to locally reduce the porosity further. In order
to mitigate the risk of partial thrombosis, current EU guidelines favour the use of flow-diverters
for adjunct coiling where coils are placed into the aneurysm dome in addition to deploying a
flow-diverter. This method increases the likelihood of complete thrombosis of the aneurysm

dome but, as with conventional coiling, any reduction in mass effect benefits are lost. [17]

Finally, the increased risk of in-stent thrombosis in the low porosity mesh of the flow-diverter
requires patients to adhere to a substantial anti-platelet regime both pre- and post-intervention

and in some cases, this regime can last up to a year.
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1.4.5 Other Treatment Methods

Onyx (Micro Therapeutics Inc., Irvine, CA) is a liquid embolisation agent that when injected
into the vasculature precipitates to form a soft, sponge-like semi-solid. Although traditionally
used to treat arteriovenous malformations (AVMs), Onyx may be injected into an aneurysm
dome to isolate it from the vasculature. Clinical use of Onyx for aneurysm treatment is unusual
and often only occurs after other methods have failed. That said, aneurysm occlusion rates with
Onyx are similar to those achieved with coils. The procedure is complex and involves inflating

and deflating an occlusion balloon multiple times in addition to deploying the agent. [100]

Finally, a true treatment of last resort is parent vessel occlusion, whereby the blood supply to
the at risk aneurysm is cut-off entirely. The technique is only used in cases for which all other
treatment options have been exhausted, and when there is sufficient collateral blood flow from the

remaining vessels in the Circle of Willis for there to be little risk of ischemic damage. [32]

1.5 Commercially Available Flow-Diverter Devices

This study focuses specifically on flow-diverters for aneurysm treatment. Such devices offer an
elegant treatment solution as well as great potential for design variation and customisation,

which is neglected in current clinically used examples.

SILK PED

Figure 1.10: Dominant flow-diverter devices in clinical use: the Silk flow-diverter and Pipeline Em-
bolization Device (Images: Balt Extrusion and EVS3 promotional material)

There are two dominant flow-diverter devices currently (2015) under clinical use: the Silk flow-
diverter (SILK; Balt Extrusion, Montmorency, France) and the Pipeline Embolization Device

(PED; EV3/Covidien, Irvine, CA). Both devices are of a very similar design and are shown in
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figure 1.10. The PED was approved for use by the FDA in 2011, and both the PED and SILK
were ‘CE’ mark approved for use in Europe in 2007. The salient features of the SILK and PED

are detailed below.

SILK: Device is braided from 44 Nitinol (Nickel-Titanium alloy) wire strands and 4 platinum
marker strands, approximately 35um diameter. The overall structure is an interwoven tube
with flared ends and rhomboid-shaped pores with a typical pore diameter of 110-250um. The
device is manufactured in a range of diameters (2-5.5mm) and lengths (15-40mm.) A deployed
device has a porosity varying from 45-65% depending on device deployment configuration. Later
versions of the SILK have been introduced, known as the SILK+, which have an increased radial

force and are available in tapered diameters.

PED: Also of braided construction with 48 wires all made from platinum-nickel-cobalt alloy
making the entire device partially radio-opaque. The woven structure is entirely straight and
forms a tube with diameters from 2.5-5.0mm and lengths from 10-35mm. The porosity range of

the PED is more narrow, falling between 65-70%, and it has a pore diameter of 140-225um.

Both devices are deployed via similarly sized micro catheters in slightly different manners:
the SILK is deployed by unsheathing, whereas the PED features a rotating ‘pusher’ delivery

wire.

The family of WEB devices (Sequent Medical, Aliso Viejo, CA) are also approved for European
use in patients after receiving a CE mark in 2013. The WEB (single-layer mesh) and WEB
IT (double-layer mesh) are dedicated devices designed to treat bifurcation aneurysms, including

wide-necked cases.

The WEB device, shown in figure 1.11, resembles a cylindrical flow-diverter with both open ends
crimped closed to create a small mesh ball that may be expanded inside the aneurysm sac. The
device is available in diameters between 5 and 11 mm and is constructed from a braided mesh
comprising 108 or 144 wires, depending on the device size. For the WEB II device two layers of
mesh are employed, one inside the other, resulting in flow resistance from a total of 216 or 288
wires. The largest mesh pore diameters observed are in the range of 100-180um, depending on
device size. [113] The device has a variable porosity across the face intended to fill the aneurysm

neck due to the gathering of the woven mesh at the device centre. Consequently, the device’s
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Figure 1.11: WEB II device (Image: Pierot et al. [115])

porosity varies from 0% at the device centre to 78% at the edges. [74]

There are a number of other woven flow-diverter device concepts in various stages of development,

known to the author at the time of writing, which are summarised below.

The Surpass flow-diverter (SURPASS; Stryker Neurovascular, Fremont, CA) was ‘CE’ mark
approved in Europe in 2011 and is currently undergoing clinical trials. The device is similar in
size to both the SILK and PED but features a variable number of wire strands, from 48 to 96,

ensuring approximately constant pore size over the rage of device diameters.

The Flow Re-Direction Endoluminal Device (FRED; MicroVention, Tustin, CA) received a CE
mark for European use in 2013 and is also currently undergoing trials. The FRED design features
highly flared ends for security and a dual-layer woven mesh with a low-porosity 48-strand inner
device and a high porosity 16-strand outer device, resembling a flow-diverter deployed in a

conventional stent. [116]

The Tubridge Revascularization Device (TUBRIDGE; MicroPort Neurotech, Shanghai, China)
is also undergoing trials in China. The device is similar in size to the SILK and PED with flared

ends and between 46 and 62 strands, resulting in a porosity of 65-70%. [163]

Finally, the Luna Aneurysm Embolization System (LUNA AES; NFocus Neuromedical, Palo
Alto, CA) is an ovoid braided device designed to be deployed inside an aneurysm dome, in a

similar fashion to the WEB family of devices. The device is formed from a double-layer of woven
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Nitinol mesh encapsulated at the proximal and distal ends of the device by platinum markers.
To date, the device has been trialled in animal models [80] and a small cohort of patients [114],
which reported an aneurysm occlusion rate of 50% at 6-months follow-up and no parent vessel

stenosis.

1.6 Thrombosis and Hemodynamic Factors

The goal of flow-diverter intervention is to promote the growth of stable thrombus within the
aneurysm dome and thereby reducing the risk of rupture. The biochemical pathway to initiation,
growth and stabilisation of thrombus is a highly complex process that is beyond the scope of
this work. Comprehensive review and discussion of such processes can be found in the work of

Furie and Furie. [51] [52]

This study focusses on the hemodynamic conditions linked to the magnitude and quality of
thrombus formation after flow-diverter deployment. In the clinical setting, the effectiveness of
a flow-diverter is initially assessed immediately after deployment by observing the reduction in
angiographic contrast infiltrating the aneurysm dome. Follow-up MRI imaging at a later date

(typically 3-12 months) is then used to assess the degree of aneurysm obliteration.

Although thrombosis following coiling is almost instantaneous, the lack of any obstruction within
the aneurysm dome following flow-diverter treatment renders thrombosis slower and more in-
cremental, often taking weeks or months to reach full occlusion. Rates of occlusion in-vivo vary
significantly, often due to variation in administered anti-platelet regime, with complete occlusion

after 3-6 months being common in 49-95% of cases. [112] [17]

1.6.1 Complete and Partial Occlusion

Aneurysm thrombosis is widely accepted to be a safe and effective means of isolating an at-risk
aneurysm from the vasculature. However, incomplete thrombosis has frequently been linked to
aneurysm recurrence and increased rupture risk. [16] Incomplete occlusion has been attributed
to the hemodynamic environment within the aneurysm dome with chaotic flow-patterns linked

to increased rupture risk. [21] Partial occlusion is also observed in large and giant aneurysm
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geometries and in cases with high aspect ratio; in these cases, localised regions of sluggish
flow adjacent to higher speed flow lead to isolated areas of thrombus formation. [77] These
flow conditions can prevail after flow-diverter treatment and contribute to the increased rate of
delayed rupture in large aneurysms. [17] Aneurysm rupture following flow-diverter treatment in
giant aneurysms has been shown in the literature to be especially catastrophic, with a fatality

rate of up to 80%. [42]

1.6.2 Aneurysm Inflow and Turnover Time

Increasing the degree of stasis in the aneurysm dome has been widely documented as promoting
thrombus initiation and growth. [13] Many authors have linked a reduction in either aneurysm
inflow or mean aneurysm sac velocity to stable thrombus formation. [50] [69] [84] Increases in
turnover time before and after FD placement (turnover time = aneurysm sac volume/inflow
rate) have also been linked to thrombus formation. Unlike pure inflow, turnover time also allows

for comparisons between aneurysms with different sac geometries. [64]

1.6.3 Flow Residence Time

A more sophisticated measure of propensity towards thrombus formation is the residence time
of flow within an aneurysm dome. While turnover time is calculated from bulk velocity and
represents the average time blood remains in the aneurysm sac, residence time varies through-
out the aneurysm sac. Residence time may be calculated for specific aneurysm regions, thus

highlighting areas of local recirculation that would promote thrombus formation.

Sadasivan et al. [132] modelled aneurysm inflow in the two distinct components of diffusion and
convection. Under this regime, decay time constants representing the range of residence times
within the aneurysm may be calculated, which gave a ‘virtual contrast’ capability to the CFD
simulations, allowing direct comparison of simulated results with patient angiograms. A later
study conducted in rabbits confirmed the link between increase in contrast residence time and
greater thrombus formation within the aneurysm dome. [131] Contours of residence time were
also investigated by Butty et al. [15], where some regions of a simulated aneurysm exhibited a

flow residence time around 5x longer than the corresponding turnover time.

20



1.6.4 Velocity and Flow Jetting

Flow jetting and areas of high flow-impingement have been correlated with increased risk of
rupture and incomplete aneurysm thrombosis. In a large CFD study of 62 aneurysms, Cebral
et al. [21] showed that geometries with a concentrated jet and a small impingement zone were
over 6x more likely to rupture than cases with a diffuse inflow jet. Castro et al. [19] confirmed a
similar pattern in a smaller study of 40 terminal aneurysm cases. A strong correlation between
persistent aneurysm jets and partial thrombosis leading to delayed aneurysm rupture was ob-
served clinically by Kulcsar et al. following flow-diverter deployment in 11 aneurysms. [77] High
aneurysm aspect ratio has been widely correlated with aneurysm rupture and is often attributed

to the concentrated flow jetting seen in geometries with a large AR. [135]

1.6.5 Wall Shear Stress

Wall shear stress (WSS) is the shear force acting at a direction tangential to the fluid boundary,
which results from localised velocity deceleration at the vessel wall. WSS for a Newtonian fluid
is defined in equation 1.2. As discussed previously in section 1.2, the influence of WSS on the

vessel wall is a complex phenomenon with both physical and biochemical interactions.

0
WSS = u <u> (1.2)
8y vessel wall (y=0)
where p = dynamic viscosity, u is the velocity parallel to the vessel wall and y is the distance

from the wall.

As WSS arises from the velocity gradient at the vessel wall, the value of WSS is highly dependent
upon cross-sectional velocity; flow pulsatility, geometry curvature, and changes in lumen cross-
sectional shape and area can all dramatically alter localised WSS values. For Poisseulle flow in
a straight vessel, the WSS magnitude is uniform and scales linearly with flow rate, as described

in equation 1.3.

Normal physiological values of WSS magnitude in the cerebral vasculature fall in the 2-5 Pa
range. Large deviations from these values within the aneurysm dome are thought to alter

the aneurysm wall integrity and increase the risk of rupture. [92] Specifically, outside of this
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normal range, WSS has been linked to changes in vessel neointima thickness |76, and with very
high (>~40Pa) or very low (<~1.0Pa) values of WSS linked to activation of endothelial cell

apoptosis. [136] [49]

32uQ
‘WSS‘straight pipe Td3 (13)

where Q is flow rate (m3s™!) and d (m) is vessel diameter. For conditions typical of mean flow

in the ICA (230ml/min, 4mm diameter), equation 1.3 yields a WSS magnitude of 2.44Pa.

WSS is linked to endogenous inhibitors of platelet aggregation such as Prostacyclin (PGIs) and
Nitrous Oxide (NO). A high WSS is linked to NO release while both a high and pulsatile WSS
distribution promotes Prostacyclin production. [125] Within the literature there are two schools
of thought linking aneurysm rupture and wall shear stress: high-WSS and low-WSS induced
rupture. [135] [95]

Proponents of high-WSS induced rupture link raised WSS with endothelial damage that initiates
wall remodelling. The mechanism of failure involves the release of NO, initiated by the elevated
WSS, which then lowers the arterial wall tone. The imbalance between blood pressure and vessel

wall stiffness then leads to a ballooning of the weakened vessel. [103]

Low-WSS induced rupture theory cites the dysfunction of flow induced NO, caused by the flow
stagnation inside the aneurysm sac, leading to intimal damage via platelet aggregation. This
damage then allows the local infiltration of white blood cells and fibra into the endothelial sur-
face. Inflammation follows leading to degeneration of the vessel wall encouraging the stretching

and thinning of the surface and allowing the aneurysm sac to enlarge. [54]

Evidence to support both theories is widespread. Pathological examination confirms the white
blood cell infiltration suggested by the low-WSS theory. [31] The location of the majority of
aneurysm rupture, which is commonly in the main body of the aneurysm sac where WSS most
often falls to its lowest value, also supports a low-WSS rupture mechanism. [143] Conversely, a
key piece of evidence supporting the elevated WSS hypothesis is the high proportion of aneurysms
located at vessel bifurcations where flow separation causes elevated WSS and high rates of

aneurysm growth. [135]
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The link between WSS and thrombus formation is less controversial. The partial thrombosis of
giant aneurysms in areas of low shear gave rise to a number of thrombus formation models based
on a WSS threshold. [51] [52] [107] [109] These models assume thrombus forms below a strain
rate threshold of 100s™! (corresponding to a WSS magnitude around 0.4Pa) and does not form
above this threshold. Although the predictions of such a model are unverified, the thrombus
initiation and growth predicted in different aneurysm sizes is consistent with generalised clinical
observations. [107] [109] Hence, it is assumed that, independent of any factors related to rupture

risk, low WSS within the aneurysm dome promotes thrombus formation.

Other metrics that are related to variation in WSS magnitude and direction, such as WSS
Gradient (WSSG), Oscillatory Shear Index (OSI), and Gradient Oscillatory Number (GON)
have also been linked to aneurysm growth and rupture risk in the literature. However, the
mechanisms underpinning such hypotheses are often more opaque and poorly verified than those

associated with WSS magnitude alone. [69] [27]
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Chapter 2

Numerical Methods

In this chapter the concept of computational fluid dynamics in the field of biofluidics is intro-
duced in section 2.1, with a brief discussion of the numerical basis for the Finite Volume Method;
geometry discretisation and mesh generation are discussed in section 2.3; both flow regime and
boundary condition choice are considered in section 2.5 and section 2.6; finally, device deploy-

ment by finite element simulation and simplified algorithms are discussed in section 2.7.

2.1 Computational Fluid Dynamics and the Finite Volume Method

The birth of computational fluid dynamics (CFD) in the 1930s focussed on the highly-specific
problem of 2D aerofoil design. [98] The rapid development of computational hardware in the
1960s and 1970s soon lead to the integration of CFD methods into many diverse research
fields. [98] From its inception, biomedical engineering, and specifically biofluidics, have natu-
rally adopted CFD techniques due to the complex and highly non-linear nature of the physical
characteristics governing physiology. All CFD codes exclusively address the solution to some
variant of the Navier-Stokes equations, with few exceptions. The CFD methodology is divided

into three distinct components, which are detailed below.

Pre-processor: The flow geometry is defined and discretised into sub-domains, all fluid and any
other physical properties must be defined or approximated, and appropriate boundary conditions

applied.
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Solver: The governing equations of flow are discretised and simplified by the substitution of
localised approximations to flow variables. The resulting system of equations is solved iteratively
by reducing the error resulting from the approximate solution, which only partially satisfyies

the governing equations.

Post-processor: Solver-generated data is output and visualised with scalar surface plots, particle

tracking, vector plots, etc. as well as raw alphanumeric output.

This chapter focuses on each of these three elements in the context of the Finite Volume Method,

the formulation that underpins the majority of commercially available CFD codes.

2.1.1 The Navier-Stokes Equations

The Navier-Stokes equations may be cast by considering conservation of momentum in a fluid,
supplemented by mass continuity. First, a finite fluid volume in cartesian space is defined, as

shown in figure 2.1.

X

z

Figure 2.1: A generalised fluid control volume, CV

The mass continuity equation for the fluid volume is detailed in equation 2.1 whereby the increase

in mass of the volume is equal to the net mass flow into that volume.

op B
LT (=0 (2.1)

where p =density, t=time and u=velocity.

For an incompressible fluid equation 2.1 reduces to equation 2.2.
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V- () =0 (2.2)

Newton’s second law considered over the finite volume states that the change in momentum on

the fluid volume is equal to the sum of forces acting on the volume.

9 _
p<£+u~vu>:—Vp+V-T+S (2.3)

where u = velocity field, p = pressure, p = density, T = stress tensor, and S is the momentum

source term.

Equation 2.3 must be supplemented by an equation of state to link deformation and stress in a
given fluid element. As discussed in section 1.2, blood is considered to behave as a Newtonian
fluid under the flow conditions considered in this study. As such, the viscous stress in the fluid
can be considered linearly proportional to the local strain rate i.e. the viscosity does not depend
on the stress state or the velocity of the fluid. Hence, assuming an isotropic Newtonian fluid,

the stress tensor term of equation 2.3 can be simplified as indicated in equation 2.4.

v -T=pviu (2.4)
where u = velocity field, T = stress tensor, and ;1 = dynamic viscosity.

The conservation of momentum equation may be cast in a cartesian coordinate system for an

isotropic Newtonian fluid and is indicated for the z, y, and z directions in equations 2.5, 2.6,

and 2.7.

9 (pu) _ Op

5t +v-(pUU)——ax+v (nvu )+ Sy (2.5)
d (pv) _Op

5 TV (pvu)——ay+v (L7 v )+ Suy (2.6)
9 (pw) _ Op

T + v - (pwu) = §+v~(uvw)+SMz (2.7)

where u, v, and w are the velocity components of u in the z, y, and z directions respectively,
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p = pressure, p = density, 4 = dynamic viscosity, and S is the momentum source term in the

respective x, y, and z directions.

These momentum equations, known generally as the Navier Stokes Equations, combined with
equation 2.2 govern incompressible, isotropic, Newtonian, unsteady fluid flow in three dimen-
sions. Although the set of equations is of closed-form, analytical solutions are only achievable
for highly simplified flow conditions. A general solution, and even proof of such a solution, is
elusive. In order to solve the Navier-Stokes equations for a non-trivial problem, it is neces-
sary to approximate the solution over discretised volumes and solve the approximated governing

equations iteratively.

2.1.2 The Scalar Transport Equation and Finite Volume Method

By introducing a general variable, ¢, the generalised form of the fluid flow equations, including
the equations governing scalar quantities such as temperature, may be cast in the form of

equation 2.8—known as the scalar transport equation.

9 (p9)
ot

+ V- (ppu) =v- Ty o)+ S (2.8)

where ¢ = generic scalar quantity, I'y = the scalar-specific diffusion coefficient and Sy = any

scalar source terms.

Thus, the three dimensional momentum equations may be represented in equation 2.8 by setting
¢ equal to one of the cartesian components of the velocity field (u, v or w) and setting " equal to
the dynamic viscosity. Also, by setting ¢ equal to 1, equation 2.8 yields the continuity equation.
The general form of equation 2.8 then forms the basis of computationally solving all equations

of fluid flow using the Finite Volume Method.

Many other numerical techniques are available to solve the Navier-Stokes equations, including
Finite Difference, Finite Element and Particle Methods, but Finite Volume Methods are domi-
nant in commercial CFD packages owing to general robustness over a large range of Reynolds

number, low memory usage and fast solution speed.

In the Finite Volume Method, equation 2.8 is integrated over the generic control volume, CV,
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illustrated in figure 2.1 to form equation 2.9:

/ a(a’?) dv+/ v - (pgu) dvz/ VvV Teve)dVit | Sedv (29)
cv cv oV v

which, after applying Gauss’ divergence theorem to the diffusive and the convective terms of

equation 2.9, yields equation 2.10

§t</(jvp¢dv>+[‘n.(p¢u) dA:/An-(F¢v¢) dA+/OVS¢dV (2.10)

where A is the area of the control volume face, and n is the corresponding normal vector of the

face.

Net rate of Rate of
decrease of @ .

Rate of ® dite to increase of @ Net rate of @
increase + 5 = | due to diffusion | + etra e.0

convection across CV creation

across CV .

. boundaries
boundaries

Figure 2.2: The physical relationship expressed in equation 2.10

In steady state equation 2.10 reduces to equation 2.11:

/An-(quu) dA:/,4n‘(F¢v¢)dA+/C'VS¢dV (2.11)

And, for time-varying problems over the interval At, equation 2.10 yields equation 2.12, the

most generalised form of the governing equation:

At;<évp¢dv> dt+/At/An-(p¢u) dAdt—/At/An-(%vW dAdt+/At Cvs¢dth

(2.12)
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2.2 Strategies for Solving the Discretised Equations

Integration of equation 2.12 over the control volume CV yields a discretised equation at the

volume centre, C in figure 2.3.
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Figure 2.3: The control volume, CV, indicated with north(n), south(s), east(e), west(w), top(t) and
bottom(b) faces and corresponding neighbouring cell centres N, S, E, W, T and B in the directions
indicated. (Figure adapted from: Versteeg and Malalasekera [154])

The generalised solution method to the corresponding discretised equation is to address the
discretisation of each term of the equation separately, before coupling pressure and velocity

terms and iteratively solving the system of equations.

2.2.1 The Diffusion Term

The diffusion term of equation 2.12 can be discretised as shown in equation 2.13:

fir ooy sa=[(ea) - (o4).

ol (), - () o L(ma50), - (05

where A is the area of a given face, k, and (%?) i is the gradient of ¢ in the j direction evaluated

(2.13)

at face k.

Assuming a central difference method the gradient of ¢ in the j-direction at the k face may then

29



be linearly approximated with equation 2.14 with respect to the volume centre point, C, and

the centre point of the adjacent cell, K:
0j k djck
where ¢ is the value of ¢ at the centre of the adjacent volume and §jok is the distance between

the two volumes centres in the j direction.

Applying the central difference method to each term of equation 2.13 then yields equation 2.15.

/ n-(Tyv¢) dAd= [F6A6(¢E —9c) _p, 4,00 —¢w) d’W)}
A dxcE drwe
(2.15)
n [FSAS (¢s —¢c) oA, (¢c — ¢N)} n [FtAt (o1 —dc) FbAb(¢C - ¢B):|
dycs dYnc dzcr dypc
2.2.2 The Convection Term
The convection term of equation 2.12 is discretised as shown in equation 2.16:
N N
[ n- (o) aa =3 () A = 3 i (2.16)
k=1 k=1

where N is the number of faces in the control volume CV, u} is the velocity component normal

to a given face k, and ry, is the mass flux through the face.

A number of different schemes are available to solve the discretised convection equations. [156]
However, either the central difference or upwind schemes (or a combination of both schemes)

are the dominant methods employed in most commercial finite volume codes.

The central difference scheme is employed in a similar manner to the treatment of the diffusive
term; the value of ¢ at a face is approximated as the weighted average of the value of ¢ at the

two cell centres, as shown in equation 2.17.

The central difference scheme is second order accurate but suffers from a lack of transportiveness

and is consequently unstable at high flow velocities or coarse grid resolutions.
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r = Po + (1 — ) ¢ (2.17)

where ~; is a linear weighting factor incorporating the relative position of face k between the

two cell centres K and C.

The upwind differencing scheme incorporates the flow direction through the control volume when
approximating the value of ¢ at a cell face. The value of ¢ at the centre of the volume is thus

propagated to the upwind face of the volume as described in equation 2.18:

¢c when vy <0
b = (2.18)

oK when uil >0
Accounting for flow direction in the upwind scheme makes the method more attractive for higher
flow speeds than the central difference method. However, the accuracy of the upwind scheme is
only first order. Additionally, given that the propagation term in the scheme is dependent upon

the coordinate system, the upwind scheme produces erroneous results, known as false diffusion,

when the flow direction is not well aligned with the mesh.

A combination of both schemes, known as the Hybrid scheme, is often used in commercial CFD
code and is shown in equation 2.19. Such a scheme then incorporates the accuracy and multi-
directional flow robustness of the central difference scheme with the stability and high-speed

flow robustness of the upwind method.

o = ﬁ(b;]pwmd + (1 . ﬂ) ¢k0entralDifference (2.19)

where ( is a weighting factor with § = 1 corresponding to a pure upwind scheme and 5 = 0

corresponding to a pure central difference scheme.

In this study the value of § is set to 0.01 to maximise the accuracy of the central difference
method for the multidirectional flow of the aneurysm dome, and to eliminate the false diffusion
that would be seen in the Upwind method. The upwind component of the scheme is only utilised
for mesh regions with high Péclet number, where the large ratio of advective to diffusive fluid

transport would lead to numerical instability and slow simulation convergence for the central
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difference scheme.

2.2.3 The Temporal Term

Many methods may be used to discretise the governing equations in time. A generic partial
differential equation is shown in equation 2.20 for ¢, which varies in time and one dimensional

space. The variable ¢ is discretised in time and space as detailed in equation 2.21.

¢ _ d¢ 9%¢
6 (2,1) = 67 = 6 (iAz,nAY) (2.21)

Hence, the generalised time-marching scheme for ¢, from ¢ to t + At is given in equation 2.22,

and may be fully implicit, fully explicit or a combination of the two.

oL — o
=T (Lo FY (2.22)

where ¢ is the node under consideration and € is the weight such that € = 0 results in a fully

explicit scheme and € = 1 results in a fully implicit scheme.

Most CFD applications are dominated by either the Euler or Crank-Nicholson methods. The
Forward Euler method (e = 0) is first order accurate and fully explicit, but only conditionally
stable, while the Backward Euler method (¢ = 1) is first order accurate and fully implicit,
rendering the scheme unconditionally stable. The Crank-Nicholson scheme (e = 0.5) is second

order accurate and unconditionally stable.

In this study the Crank-Nicholson scheme is used exclusively for time-marching in transient flow

problems due to the scheme’s second-order accuracy.
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2.2.4 Pressure-Velocity Coupling and Iterative Methods

The discretisation and solution methods discussed previously all assume a known local velocity
distribution within the fluid domain, a condition which is not true in all practical implementa-
tions of the method. Additionally, the pressure gradient forms the most significant momentum
source, Sy in equations 2.5, 2.6 and 2.7, in most engineering flows but there is no equation to

directly obtain the pressure gradient.

Instead, the pressure distribution must be solved for using pressure-velocity coupling or pressure
correction. The generalised pressure correction methodology is detailed in figure 2.4. First, a
pressure field is guessed, which is used to solve for the velocity field. This velocity field satisfies
the momentum equations but not the continuity equation. A pressure correction term is then
calculated from the linearised continuity equation. The velocity and pressure fields are then

iteratively updated until the simulation convergence criteria is reached.

> START

v (Initial guess: p*, @%, etc.)

Solve discretised momentum

equations
v (p* @, etc.)
Set Solve pressure correction
p*=p equation
=0 v (p’, D etc.)
etc. .-
x Correct pressures and velocities

v p, D, etc.)

Solve all other discretised
transport equations

Y
Convergence

v Y
FINISH

Figure 2.4: Generalised pressure correction algorithm methodology

A number of pressure correction algorithms are implemented in commercial CFD code includ-
ing variants of the SIMPLE (Semi-Implicit Method for Pressure-Linked Equations) and PISO

(Pressure Implicit with Splitting of Operators) schemes. [46] [108] [154]

In this study a SIMPLEC (SIMPLE-Consistent) pressure correction scheme is used. [41] [105]
The SIMPLEC scheme is very similar to the schematic of figure 2.4 but with an additional

initial step whereby pseudo-velocities are calculated prior to calculating a pressure-correction
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term, which is then used to solve the momentum equations.

Finally, solution convergence is accelerated in this study with the use of an algebraic multi
grid method (AMG). The speed of convergence is increased by interpolating a solution between
meshes of varying fineness. Initially a number of solution iterations are made on the full res-
olution fine mesh, the resulting residuals are then imposed on a more coarse grid and getting
progressively coarser until the most coarse grid is reached. The coarse grid solution is then
reimposed onto the finest grid and the process repeated. The technique allows for the reduction
of errors across many wavelengths and scales simultaneously, which significantly increases the
speed of convergence for the grid. The coarse grids are defined algebraically by a system matrix

and are not defined by the geometry of the original mesh. [46] [158]

2.3 Meshing and Mesh Independence

The dicretised equations discussed in the previous section are formulated to be solved over a
mesh of finite volumes. Such a mesh may be propagated through the simulation geometry in

either a structured or unstructured fashion.

(a) (b)

Figure 2.5: Idealised meshing schemes: (a) structured and (b) unstructured

2.3.1 Structured Meshes

The elements of a structured grid have regular connectivity, and each node of the mesh has a
unique index value with physically adjacent nodes indexed sequentially, making the grid very
memory efficient. An idealised structured mesh is shown in figure 2.5. Structured meshes have
the advantage of substantially increased computational efficiency but are not suitable for complex

geometries with large variation in boundary curvature, such as human vasculature.
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2.3.2 Unstructured Meshes

Conversely, the elements in an unstructured grid are categorised by their irregular connectivity.
Consequently the unstructured grid is significantly less memory efficient as neighbouring cell
relationships must be stored explicitly. An unstructured mesh is also shown in figure 2.5. A
major advantage of unstructured meshes is the ease with which the mesh may be fitted to

complex geometries and easily refined in areas of complex flow behaviour.

2.3.3 Mesh Quality and Refinement

The accuracy of a discretised solution is dependent on both the method of approximating the
variation between the centre points of discrete volumes (as discussed in section 2.2) and the
distance between the centre points. For large volumes the assumption of linear variation between
cell centres breaks down, and the resulting discrete approximation becomes unrealistic and often
unstable. Thus, in regions of complex flow it is vital to ensure a grid with sufficiently high-
resolution to accurately approximate local gradients as piece-wise linear. Mesh quality is also
important for ensuring solution accuracy; the discrete volume geometries must be regulated to
minimise distorted and skewed cells, which introduce errors from assumptions of consistency

across the cell face.

Studies in the literature [21] [4] show the importance of adaptive meshing techniques for creating
high quality grids that are also memory-efficient. Valen-Sendstad et al. [147] detailed a discussion
of mesh resolution typical for CFD simulations of human vasculature and the resulting impact
of solution accuracy. Although such discussion is general, it is noted that within the literature
an average element size for accurately converged meshes is in the range of 2000-5000 cells/mm?

for arterial flow within the cerebral circulation.

In this study the presence of highly irregular surfaces, complex vessel bifurcations, and the
embedding of very small diameter device structures within the mesh require the use of unstruc-
tured meshes exclusively. All grids are meshed in three dimensions in a projected single domain
and an Omnitree cartesian tree type with three cartesian layers for high fidelity boundary layer
resolution. Mesh independence studies are performed for each specific analysis case, and mesh

independence is confirmed at mesh densities around 4000 cells/mm? in all cases.
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2.4 Comparison to Other Studies in the Field

Across CFD studies in the literature that focus on aneurysm haemodynamics, it is difficult to
compare solution strategies and solver settings, as such details are rarely fully reported by au-
thors. [147] In light of both this discrepancy and the growing controversy regarding the accuracy
of some published simulations, [152] a number of standardisation and parameterisation tests
have been conducted and reported in order to compare the results of different research groups
in the field. These specific studies are summarised below as an illustration of the current ‘state

of the art’ and serve as a benchmark for this study.

Radaelli et al. 2008 [119] (2007 Virtual Intracranial Stenting Challenge) A summary of six
separate submissions to the challenge with both stented and unstented models simulated. Mesh
resolution of ~500 cells/mm? with additional grid refinement at the location of stent struts.
No details of solver setting are given but the majority of submissions utilised commercial CFD

codes, for which default settings are typically first-order schemes in space and time.

Cito et al. 2014 [28] (2011 Virtual Intracranial Stenting Challenge) Summary of six separate
submissions covering both stented and unstented models. Typical mesh resolution of ~600
cells/mm? for unstented models with local mesh refinement to ~8000 cells/mm? in the stented
cases. No solver settings are given but the majority of submissions utilised commercial CFD

codes.

Steinman et al. 2013 [141] (2012 ASME CFD Challenge) Study reporting 27 separate submissions
of unstented aneurysm models only. Average mesh resolution of ~350 cells/mm? (interquartile
range: 2-2000 cells/mm?). No solver settings are listed but the majority of submissions utilised

commercial CFD codes.

Janiga et al. 2015 [63] (2013 CFD Rupture Challenge) Summary of 26 separate submissions
covering unstented models only. Median reported simulation mesh size was 2.1 million elements
(283,000-18,000,000 range). No solver settings are given but the majority of submissions appear

to have utilised the defaults of commercial CFD codes.

Finally, Valen-Sendstad et al. [147| reported a study simulating flow in 12 aneurysms, which was

completed with both ‘Normal’ and ‘High’ resolution setups. The ‘Normal Resolution’ solution
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utilised a mesh resolution and solver parameters typical of those reported in the literature (first-
order spatial and temporal (fully implicit) solvers, and a mesh density of ~1500 cells/mm?).
‘High Resolution’ simulations were conducted with a setup considered approximately an order
of magnitude finer than the ‘Normal’ case (second-order discretisation in space and time with
a mesh density of ~10,000 cells/mm3). The study concluded that while the resolution of most
computations reported in the literature is adequate to predict the rupture risk of untreated
aneurysms, such studies may not adequately capture complex indices linked to biochemical

stimuli.

In summary, the setup of the simulations conducted in this study, and the criteria for mesh-
independence, meets or exceeds the resolution of most current ‘state of the art’ computa-

tions.

2.5 Flow Regime and Features

Blood flow within human cerebral arteries is generally accepted to be laminar, given a typical
Reynolds number (2.23) well below the transitional case for steady pipeflow. [50] [73] [160]
However, flow pulsatility and vessel curvature, especially at bifurcations, may reduce the stability

of the flow and lower the effective transitional Reynolds number. [127]

Re =24 (2.23)
1

where Re is the Reynolds number, p = density, u = velocity, [ =length scale (pipe diameter)

and p = dynamic viscosity.

The pulsatility effects of blood flow were extensively studied by Womersley, who showed that
pulsatile pipe flow adopts an increasingly non-parabolic flow profile with increasing flow fre-
quency. [56] [161] The tendency for flow to depart from the steady-state profile and adopt a plug

profile increases with the Womersley number, defined in equation 2.24.

This effect is small at a Womersley number typical of the small blood vessels supplying the
brain (where typically a < 5). Flow profiles for the ICA and similar sized vessels have been

validated with 3D Doppler measurements and show little departure from a parabolic flow dis-
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tribution. [117] [71] Hence, most studies in the literature model the inlet of a vessel geometry
as a parabolic velocity profile consistent with steady, pressure-driven flow in a pipe (Poiseuille
flow). Consequently, all vessel inlet velocity boundary conditions in this study are chosen to be

parabolic.

I [wp
=—,/— 2.24
o= 5\ (2.24)

where « is the Womerlsey number, | =length scale (pipe diameter) p = density, w =flow oscil-

lation angular frequency (w = 27 /T) and p = dynamic viscosity.

Although the velocity profile of either steady or oscillating flow in a straight tube may be
radially symmetric, curved tubes introduce vorticity into the cross-sectional plane of the flow.
Such behaviour was first observed by Dean [38] [37] and may be quantified by the Dean number

(equation 2.25).

De = /%Re (2.25)

where De is the Dean number, r =vessel radius, R = vessel radius of curvature and Re is the

Reynolds number.

Re=160, De=0 Re=160, De=53

Figure 2.6: Flow in 4mm diameter tubes at a constant Reynolds number and variable curvature, which
results in different Dean numbers and the emergence of a pair of vortices in the case of a non-zero Dean
number. In-plane flow is indicated with flow vectors while longitudinal velocity is colour coded.

As Dean number increases, secondary flow causes a substantial departure from a radially sym-

metric velocity profile, as shown figure 2.6. In the figure the inside bend of the vessel curve is
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orientated at the bottom of the image; flow instability resulting from the vessel curvature leads
to secondary flow and the formation of a pair of counter rotating vortices indicated with vectors.
Substantial changes in the distribution of the out-of-plane (longitudinal) velocity are seen as a

result of the secondary flow.

Dean number ranges between approximately 0 and 100 in the human cerebral circulation suggest-
ing that significant portions of vasculature harbouring aneurysm may have highly non-radially
symmetric flow velocity profiles. As such, the radially symmetric inlet velocity profiles applied
to simulations in this study are done so with caution. Geometry inlets are created at points in
the vasculature that are downstream from relatively straight portions of vessel where momentum

exchange has allowed a symmetric profile to develop.

2.6 Boundary Conditions

The time-varying flow rate and pressure profiles within the circulatory system must be incorpo-
rated into the boundary conditions of any flow simulation of the vasculature. Given the changes
in vessel diameter, tortuosity, elasticity and the complex auto-regulatory nature of the vascula-
ture, the variation in pressure and velocity is far from trivial. Typical profiles of pressure and
flow rate in the Circle of Willis, measured in-vivo using ultrasound and tonometry probes, are

shown in figure 2.7. [123]

However, such in-vivo measurements are unsuitable for modelling much of the vasculature that is
inaccessible by non-invasive means. To obtain flow and pressure profiles that are valid through-
out the vasculature it is necessary to approximate the propagation of blood flow though the

circulatory system with an idealised model.

In the one dimensional model proposed by Reymond et al. [123| approximations to the con-
tinuity and momentum equations are created by assuming all arteries in the vasculature are
straight, tapered, and viscoelastic segments. The Navier-Stokes equations are integrated along
the longitudinal direction of the vessel with a Witzig-Womersley shear model accounting for
both convective acceleration and wall friction. The resistance of the arterial bed is incorporated

with a three-element Windkessel model. Selected examples of the resulting pressure and flow
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Figure 2.7: Pressure and flow waveforms measured in-vivo (upper of each pair of plots) and the corre-
sponding 1D analytical model prediction (lower of each pair of plots), at salient locations in the cerebral
vasculature. Reproduced from Reymond et al. [123]

curves are shown in figure 2.7 and are in good agreement with the average profiles measured

IN-VI00.

More sophisticated approximations of the vasculature, including 3D models, are available and
are discussed widely in the literature. [124] Three dimensional models in particular are capable
of capturing the complex flow at a regions of high vessel curvature and bifurcations. However,
the exponential increase in computational cost of such schemes combined with little increase in

accuracy renders the simpler 1D model the dominant modelling choice.

All inlet velocity boundary conditions used in this study are scaled to fit the volumetric curves

generated by the 1D model proposed by Reymond et al. [123]

In this study, pressure profiles based on a 1D model are not used in favour of a constant pres-
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sure assumption at all daughter vessel outlets. This simplification is made for a number of

reasons:

- Relatively short segments of vasculature are simulated, which reduces the number of daughter
vessels in the geometry. Where only a single inlet and single outlet are present in a geome-
try, imposing a time-varying pressure outlet boundary condition unnecessarily slows simulation

convergence.

- Many of the vessel geometries considered have daughter vessels resulting from symmetric

bifurcations, which will also have symmetric (and equal) outlet pressures.

- A 1D model of pressure is calculated assuming an unobstructed vessel lumen. After deploying
a flow-diverter device to treat an aneurysm, nearby perforators and daughter vessels are often
jailed by the device with the effective resistance of such vessels increasing, invalidating the 1D
pressure condition. Incorporating such an increase in resistance, and any subsequent vessel
remodelling, into the outflow boundary condition is still an open question in the literature.
Hence, for simplicity, a constant outflow pressure condition is assumed for all vessels, but further
discussion of this assumption with reference to varying the outlet condition of a jailed vessel is

presented in chapter 3

2.7 Flow-Diverter Device Deployment Methods

Finally, when modelling the effect of a flow diverting device on changes in aneurysm flow, it is
necessary to virtually deploy such a device accurately within the model vasculature. In reality
the deployment and placement of a device is a highly complex procedure, which is governed by
the expansion of the super-elastic device material and highly non-linear vessel wall. A number
of virtual deployment methods have been detailed in the literature from the most complex (full
finite-element analysis with a distensible vessel wall) to the more simple (cylindrical projection-
based fast deployment algorithms). All methods rely on the same three steps to mimic device
deployment: crimping of the device to a diameter typical of microcatheter delivery, bending of
the crimped device to fit the vasculature, and release of the crimped device. In all cases the

vessel wall is assumed rigid. The three broad classes of virtual deployment model are summarised
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below:

- Full Finite Element Analysis (FEA): Device wires are modelled as super-elastic solids undergo-
ing large deformations; simulations are typically conducted using ABAQUS software (Dassault
Systemes, Vélizy-Villacoublay, France). [35] [128] FEA offers the most accurate representation
of device deployment and simulated ‘unsheathing’ bears good correspondence with in-vitro ex-
periments. [89] Although the method is highly accurate, such accuracy comes at the price of
large computation times. Modelling the device-vessel contact remains problematic with little
verification in the literature and the limitations of a rigid vessel wall, which is a common source
of simulation instability. FEA also becomes less attractive as a method for deploying device
designs with a high pore-density, which substantially increases computational load due to both

the increase in resolution required and the increased degrees of freedom in the simulation.

-Projection-based Deployment Algorithms: The device deployment is modelled as the deforma-
tion of a meshed smooth cylinder, onto which the device texture is projected. The deployed
texture is then used to reconstruct the 3D geometry of the device deployed within the vascula-
ture as shown in figure 2.8. [21] [4] [5] The technique is very computationally efficient but does

not incorporate the physical properties of the device. The accuracy of localised device deforma-

tion is questionable, especially in devices with large and irregular pores and at the aneurysm

I:D:D.:D

neck.

Figure 2.8: Cylindrical projection deployment of a flow-diverter with a vessel. Adapted from Appanaboy-
ina et al. [4]

- Spring-based Deployment Algorithms: The Fast Virtual Stenting method (FVS) proposed by
Larrabide et al. [82] [83] is a modified form of a projection-based scheme that incorporates local
stent structure. The nodes of the device that are projected onto the underlying cylindrical mesh

are given longitudinal and torsional stiffness as indicated in figure 2.9.

Devices deployed with the FVS method show good correlation with in-vitro deployments in vessel
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(a) Strut length force (f I) (b) Strut angle force (f,)

Figure 2.9: In the F'VS method the projected device geometry is given localised stiffness. Adapted from
Larrabide et al. [82]

phantoms, even at the aneurysm neck and with irregular device cell structures. [82] [83]

A similar algorithm developed by Spranger et al. [140] also utilises a spring analogy to give
individual device struts stiffness, as shown in figure 2.10. However, in this case the underlying
cylindrical mesh is removed entirely, which has the effect of each strut being represented as a

simplified 1D finite element.

A

X,u

Figure 2.10: Longtitudinal and torsional spring analogy of the deployment scheme proposed by Spranger
et al. Figure adapted from Blom [10] and Farhat et al. [44]
As with the FVS method, device placement is improved compared to a projection method. The

accuracy of the scheme also compares favourably to a full FEA deployment. [139]

Both of these spring-based methods represent a substantial increase in accuracy with little

increase in computational load when compared to projection-based deployment schemes.

Finally, in a study by Bernardini et al. [9], the relative accuracy of different FEA and FVS
deployment methods was evaluated. Simulations incorporated both rigid and distensible vessel
walls, 1D and 3D descriptions of device struts, and both full FEA and simplified FVS deployment

methods. Little difference was seen in device positioning, resulting flow pattern, or hemodynamic
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indices across the different simulations. The study concluded that no significant loss of accuracy

resulted from deployment of a device with a simplified algorithm and rigid vessel walls.

In this study the algorithm developed by Spranger et al is used to deploy cylindrical flow-
diverter designs. The method is chosen as a compromise between the computational speed
of a fast deployment algorithm and the accuracy of a full FEA simulation. In chapter 4 the
deployment of a number of non-cyclindrical flow-diverter devices is discussed. As these devices
lack a coherent cell-based structure across their entire geometry, they are unsuitable for being

deployed by the spring-based deployment algorithm and must be placed manually.
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Chapter 3

Flow-Diverter Mesh Design and

Large-Scale Flow Features

In this chapter the performance of different designs of flow-diverter are assessed through in-silico
stmulation. Previous work discussing the sensitivity of physiological flow (especially secondary
flow features) to subtle design changes and the influence of mesh design is discussed in section 3.1.
The remainder of the chapter is divided into two halves. In section 3.2 a number of mesh designs
are modelled in idealised geometries; flow reduction and secondary flow effects of different mesh
topologies are discussed. In section 3.3 the same flow-diverter designs are implanted into patient-
specific aneurysm geometries. Flow reduction, secondary flow features, and wall shear stress are

all compared across the different device designs and porosities.t

3.1 Introduction

Within the human vasculature, the effects of geometry on flow structure are complex and highly
unpredictable; very subtle design features can induce large changes in flow regimes, velocities

and stresses.

!The work presented in section 3.3 of this chapter has appeared as part of: T W Peach, M Ngoepe,
K Spranger, D Zajarias-Fainsod, and Y Ventikos. Personalizing Flow-Diverter Intervention for Cerebral
Aneurysms: From Computational Hemodynamics to Biochemical Modeling. International Journal for
Numerical Methods in Biomedical Engineering, 30(11):1387-407, 2014 [109]
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For example, the great clinical importance of the subtle variation in aneurysm flow patterns
was emphasised by Cebral et al. [21]. In a study that retrospectively modelled 62 ruptured and
unruptured aneurysms, small changes in flow pattern stability, low impingement region size and

flow jet size were all correlated with aneurysm rupture risk.

Similarly, Baek et al. [7] showed that relatively small variation in aneurysm geometry and flow
rate may lead to flow patterns where areas of flow impingement in the aneurysm sac become
unstable. Such oscillations resulted in localised, high-frequency variation in WSS magnitude

and direction, that may correlate with aneurysm growth and rupture.

Cookson et al. [30] showed that a small helical twist in graft tubes, similar to the natural helical
shape of human arteries, created radically different flow conditions when compared to straight
tubes under the same boundary conditions. The helical tube flow field increased mixing across
the pipe lumen, reduced peak velocities, increased flow stability and returned WSS distributions

to more physiologically normal values.

The minimally invasive nature of vascular devices results in a dominant device construction of
meshes woven from shape memory alloy wire, which allows the device to easily collapse and
expand for delivery and deployment. However, with the development of a novel method of laser-
cutting flow-diverter devices directly from hollow Nitinol tubing (shown in figure 3.1), non-woven

mesh designs may be easily created. [90]

Stent is chopped off

the rest tube after cuttll

Figure 3.1: Detail of the method used to laser-cut Nitinol hollow tubing into a flow-diverter device

The technique allows for a flow-diverter with almost any mesh topology to be cut (see figure 3.2),
providing the mesh is assigned to collapse down for crimping. An additional advantage of such
laser-cut designs is a greater device flexibility but increased radial stiffness, arising from substan-

tially reduced friction normally associated with a woven design. [90] This increased flexibility
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allows smaller devices to be placed deeper into the cerebral vasculature, where vessels such as the

MCA and ACA account for a disproportionate number of aneurysms at risk of rupture.

s s s eSS

AT LTI DD DI

Figure 3.2: Four of the almost infinite number of possible mesh designs that may be laser-cut

However, the effect that significant variation in flow-diverter mesh topology will have on large-

scale aneurysm flow features is currently unknown.

As discussed in chapter 1, there are currently two cylindrical designs of cerebral flow-diverter on
the market that are approved for use in patients: the Pipeline Embolization Device, known as
the PED (Covidien/ev3, Irvine, CA) and the SILK flow-diverter (Balt Extrusion, Montmorency,
France). Both of these designs are almost identical and are constructed from a mesh of interwoven
Nitinol wires. Clinical experience of both the PED [88] [104] and the SILK [79] [91] report good
aneurysm occlusion in many different sac sizes and geometries. The body of research detailing
clinical experience with both designs of flow-diverter continues to grow, with a total of over 800

interventions recorded in the literature.

The design considerations of such woven flow-diverter devices, with a fixed mesh shape, have
been simplified to a balance of porosity alone. A high porosity mesh design increases device
flexibility, reduces the risk of ischemia in healthy vessels covered by the device, and aids the
collapse and subsequent delivery of the device. A low porosity mesh design provides maximum
resistance to blood flow entering the aneurysm, reduces blood velocity in the aneurysm dome and
encourages aneurysm isolation from the vasculature with fast, stable thrombosis. The balance
of these factors has lead to current clinical devices alighting upon a common optimum porosity

of 60-70%, with almost identical corresponding pore sizes and wire diameters.

However, once mesh design itself can be easily varied and is no longer confined to closed-cell

woven patterns, the optimisation process is much more complex. A broad spectrum of stent
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designs have been modelled in the literature ranging from the very abstract to the more familiar
designs that are commercially available. At the most simple, Ohta et al. [106] investigated the
effect of a single pair of stent struts and their orientation to the flow. The study concluded
that the greatest reduction in inflow was achieved by the cancelling of local vortices when stent
struts are placed perpendicular to the flow. Lieber et al. [84] reported the effect of strut size
on intra-aneurysmal flow for a rhomboid mesh, finding that a stent reduced the vorticity in
an aneurysm sac and that at a constant porosity, decreasing the filament diameter and hence
increasing the number of struts across the aneurysm neck reduced inflow more. Liou et al. [86]
investigated the influence of stent shape considering both helical and square mesh designs, with
the most significant reduction in aneurysm inflow achieved with a helical stent. In two further
studies, both Fu et. al [50] and Appanaboyina et al. [4] concluded that for a given porosity,
the greatest reduction in aneurysm inflow was achieved with a ‘zig-zag’ design of flow-diverter,

compared to helical and rhomboid designs.

Much of the literature also suggests that the performance of a flow-diverter device varies sub-
stantially with the angle of the flow impacting the mesh. Kim et al. [73] compared parent vessel
curvature with aneurysm turnover time post-treatment for two different designs of flow-diverter
stent; turnover time was found to increase by up to a factor of 16 after varying vessel curva-
ture alone. Considerable variation in flow reduction, flow pattern and thrombolytic action with
vessel curvature was also shown by Meng et al. [96]. Finally, a study by Augsburger et al. [6]
suggested that flow-diverter success was not solely based on porosity but was highly influenced

by variation in local vessel geometry.

3.2 Investigating Flow-Diverter Meshes in Idealised Flow Condi-

tions

Initially in this chapter, different mesh topologies are investigated by simulating blood flow
striking the mesh in an idealised geometry at three different angles. The flow reductions of each
mesh are compared as well as any changes in flow pattern introduced by the mesh topology. The
mesh designs are subsequently deployed in three anatomically accurate aneurysm geometries,

and the relative flow-diverting action and performance are assessed in each case.

48



3.2.1 Mesh Designs

Three flow-diverter mesh designs are created in the 3D computer graphics package Blender
(Stichting Blender Foundation, Amsterdam, The Netherlands) and modelled as 4mm diame-
ter cylinders to represent novel and clinically used flow-diverter mesh topologies. The mesh

configurations and respective porosities are summarised in figure 3.3.

S

RHOMBOID MESH DIVERGING MESH CONVERGING MESH
(70% POROSITY) (80% POROSITY) (80% POROSITY)

Figure 3.3: Mesh designs to be tested for flow-diverting action (not to scale)

The ‘Rhomboid’ mesh of figure 3.3 has a strut width of 30 micrometers and pore size of around
200 micrometers. The mesh design is similar to that of commercially available woven flow-

diverter devices, such as the SILK and PED, and has a similar porosity around 70%.

The ‘Converging’ and ‘Diverging’ meshes in figure 3.3 are of a design developed in-house, which
may be laser-cut from Nitinol tubing. The mesh has a strut width of 70 micrometers, an average
space between the struts of around 500 micrometers, and a strut angle of 20 and 160 degrees
from the direction of the flow for the diverging and converging cases respectively. The meshes

both have a porosity of 80%.

A number of geometries are created to test the effective resistance of each mesh as the angle of
the flow impacting meshes changes. Geometries with 90, 60 and 30 degree bends are shown in
figure 3.4, which offer a flow jet striking the meshes at approximately the same respective angles.
The geometries are of circular cross-section with a diameter of 4mm, chosen to be similar to
that of a human ICA. An advantage of such curved geometries over the straight channel used
in conventional hydraulic resistance tests is the creation of a more complex flow profile. The
curved geometry introduces in-plane vorticity to the fluid flow, known as Dean Flow [38], and
creates flow conditions more similar to the complex flow seen in human cerebral vessels with high
tortuosity. The presence of vorticity in the flow also allows for quantifying the degree to which

different mesh designs reduce or increase the vorticity of the flow they interact with.
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Figure 3.4: Flow diverter testing geometries where the device is positioned between the dashed lines. I:
90 degree bend, 1I: 60 degree bend and III: 30 degree bend

The test meshes of figure 3.3 are deployed as half-cylinders into each of the three geometries
shown in figure 3.4. The Rhomboid mesh deployed in the 90 degree bend geometry is shown as

a cutaway section for clarity in figure 3.5.

Figure 3.5: Rhomboid mesh deployed in the 90 degree bend geometry (cutaway)
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3.2.2 Methodology

Simulations of each mesh and geometry combination are run in CFD-ACE+ (ESI Group, Paris,
France) and are conducted with a fixed pressure drop boundary condition from inlet to outlet,
as summarised in Table 3.1. These values of pressure are first calculated with a prescribed
steady state flow rate of 230ml/min, a flow rate typical of the human ICA. Blood is modelled
as incompressible and Newtonian, with a density of 1000kgm?® and a dynamic viscosity of 0.004
Pa s. As previously discussed, a Central Differencing scheme is used, along with SIMPLE-
Consistent (SIMPLEC) pressure correction [105] [41] and an algebraic multigrid method for
convergence acceleration. [158] A constant, fixed-pressure inlet boundary condition is set for
each geometry type, as listed in Table 3.1, in addition to an outlet boundary condition of zero

relative pressure.

The effectiveness of each mesh is then assessed by the relative reduction in flow achieved under
the same pressure gradient as was recorded for the unobstructed geometries.

Table 3.1: Relative inlet pressure boundary condition by geometry. Pressures are derived from geome-
tries with no device deployed and a volumetric flow rate of 230ml/min

GEOMETRY PRESSURE
90° Bend 180 Pa
60° Bend 143 Pa
30° Bend 131 Pa

Mesh independence tests are performed on the 90 degree bend geometry with the rhomboid mesh
deployed. This mesh and geometry combination is chosen as a ‘worse case’” whereby the higher
pore-density of the Rhomboid mesh and the greater change in flow direction of the geometry
bend increase the subsequent flow’s sensitivity to mesh quality. A fixed inlet and outlet boundary
condition of 180 Pa and 0 Pa respectively are applied with the solver setting discussed previously.
The geometry is imported into CFD-VisCART (ESI Group, Paris, France) to be meshed, which
is completed with a Projected Single Domain mesh, an Omnitree Cartesian tree type, and three
near-wall Cartesian layers to give a smooth and well-resolved boundary definition. Simulations
are run on meshes with minimum cell densities from 1-50,000 cells/mm? resulting in mesh sizes
from 12,000 to 13,200,000 elements. Results are shown in figure 3.6. From the figure it can

be concluded that at a mesh density greater than 5,000 cells/mm?, the error in flow rate falls
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below 1%, when compared to the finest mesh available. This level of mesh refinement is therefore
considered ‘independent’ for all other geometries. The two most coarse meshes did not converge
as the close spacing of the rhomboid mesh cells was not accurately resolved by the coarse grid,

resulting in complete occlusion of the vessel.

MESH INDEPENDENCE
90° BEND GEOMETRY AND RHOMBOID MESH

Flowrate (ml/min)
2 ®» B o
S S S S

(=]

1 10 100 1000 10000 100000
Min. Cell Density (mm)

Figure 3.6: Mesh independence tests

Meshes generated at the chosen independent fineness level for all combinations of the three
geometries and three mesh topologies result in simulation mesh sizes of 3,460,000 to 6,900,000
cells. The simulations are run on 8, 2.93 GHz cores, converging to five orders of magnitude

residual reduction in around 500-1000 iterations in a typical solution time of 4-8 hours.

3.2.3 Simulation Results

Reductions in flow for each geometry due to the three different mesh topologies are summarised

in figure 3.7.

The graph suggest that the flow-diverting behaviour of the meshes is dominated by porosity
with little difference seen in the performance of the converging and diverging meshes, which
differ only in shape. The lower porosity rhomboid mesh results in a greater reduction in pipe
flow, as would be expected with a greater fraction of struts giving increased resistance. The
rhomboid mesh offers reductions in flow of 38-47% compared to the 20-35% reductions seen for

higher porosity meshes.

Figure 3.7 also suggests that there is a marked difference in behaviour of all the devices in the

90 degree geometry, with a substantial drop in flow reduction seen across the meshes. This is
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Figure 3.7: Flow reduction by mesh topology type and geometry

especially true of the converging and diverging meshes, where the flow reduction achieved almost
halves between the 30 degree and 90 degree geometries. The precise mechanisms producing these

flow-reductions are unclear from the changes in bulk flow alone.

In order to observe the changes in flow pattern induced by the different mesh designs, three planes
are cut in each geometry: one at the end of the curved section, one at the geometry outlet and
one at the mid-point between these two locations. The longitudinal velocity magnitude and
direction of the in-plane velocity vector directions are indicated in addition to plots of the in-
plane vorticity. These planes are shown for each geometry in figure 3.8, figure 3.9, and figure 3.10,
and when a pair of counter-rotating vortices is clearly identifiable in the planes, the centre of
the circulation is indicated with a black cross-hair. The longitudinal cross-section at the mid-
point of each geometry is also shown, with velocity magnitude plotted. It should be noted that
while the highly non-axially symmetric velocity profile leads to areas of low velocity along the
cross-section (prominent for the Rhomboid mesh in each of the figures), mass continuity is not

violated.

From the first diagram of each of the three figures (labeled (a)), it is clear that all three curved

geometries introduce some degree of in-plane vorticity to the flow, as indicated by the vorticity
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Figure 3.8: Velocity and vorticity plots of the 90 degree bend geometry
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(b) Rhomboid Mesh
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Figure 3.9: Velocity and vorticity plots of the 60 degree bend geometry
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Figure 3.10: Velocity and vorticity plots of the 30 degree bend geometry
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plots and the in-plane components of the velocity vectors. A classic, stable first-order ‘Dean
flow’ profile is clearly visible where the concentric, radially-symmetric poiseuille profile has
morphed into a pair of counter-rotating vortices moving fluid from the inside to the outside
edge of the bend. This in-plane vorticity decreases further downstream in the straight section
of the geometries as momentum transfer returns the flow towards a Poiseuille regime. Across
all the geometries, the vorticity decays with the centres of circulation moving towards the mid-

stream.

The Dean number (defined previously in Equation 2.25), and hence the degree of in-plane vor-
ticity, is inversely proportional to the square root of the vessel radius of curvature. Although the
90 degree geometry creates the greatest in-plane velocity components immediately following the
bend, it appears that the in-plane vorticity is less stable in the 90 degree geometry and the pair
of vortices decay faster, reducing the vorticity at the geometry outlet to less than the 60 degree
geometry case (compare outlet cross-sections of figure 3.8(a) and figure 3.9(a)). This increased
vorticity decay in the 90 degree geometry is due to the emergence of two additional areas of
local vorticity (visible in figure 3.8(a)), which are adjacent to and in the opposite direction of

the two main concentrations, and lead to local vortex cancelling.

The Rhomboid mesh, indicated in (b) of figure 3.8, figure 3.9, and figure 3.10, appears to
substantially reduce the peak velocity of the fluid across the geometries. The central core of the
flow is clearly disrupted in all three geometries with all flow reduced to less than 0.2ms™! in the
centreline plane, immediately after the rhomboid stent mesh. The in-plane vorticity of the flow
is also substantially reduced by the Rhomboid mesh, with almost all vorticity eliminated from

the flow by the middle cross-sectional plane across all three geometries.

The higher porosity of the Converging and Diverging meshes results in less reduction in peak fluid
velocity than the Rhomboid case. The Converging and Diverging meshes do not significantly
reduce the high-speed core of the flow (velocity greater than 0.4ms~!) in the 90 degree geometries,
which may offer an explanation for the substantially reduced flow reduction seen in figure 3.7.
By contrast, high-speed flow is almost entirely dissipated by the Converging and Diverging
meshes in the 30 degree bend geometry, where the flow reduction achieved across all three mesh

topologies only varies by around 10%.
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Consistently, in-plane vorticity is more prevalent in the geometries with the converging mesh
deployed (c) compared to the diverging mesh (d). The action of the converging mesh, which
directs a single jet of flow centrally, reinforces the momentum of the flow moving around the

curved geometry from the inside to the outside faces and thus reinforces the pair of vortices.

The diverging mesh appears to introduce a pair of counter rotating vortices (clearly visible in
figure 3.10(d)), which rotate in the opposite directions to those introduced by the geometry
curve. The result is a reduction in vorticity and a flow profile closer to the poiseuille solution
for the divergent mesh. This is further reinforced by the angle of the flow passing through the
meshes in each of the centre-line planes; in the converging case the flow infiltrates further, with
a more vertical jet coincident with flow morphing from the inside to the outside of the bend,

whereas flow passes through the diverging mesh with a flatter, more horizontal jet.

Finally, it should be noted that the local Reynolds number of flow at the device struts does
not exceed ~15, which is well below the critical Reynolds number (47 for a smooth cylinder)

corresponding to the onset of Von Karman vortex generation.

3.2.4 Idealised Geometry Conclusions

From the results of the simulations in section 3.2.3, it is clear that in simple, curved-pipe
geometries the resistance of a mesh are dominated by the mesh porosity alone. The greatest
difference between the performance of the three meshes is seen in the 90 degree bend geometry.
A substantial drop in the flow reducing capability of the Converging and Diverging meshes is
seen, which corresponds to very limited reduction in the high-velocity flow passing through the

mesh.

Different large-scale flow features are seen across the mesh topologies: the Rhomboid mesh elim-
inates almost all in-plane velocity from the flow passing through it, while both the Converging
and Diverging mesh designs impart vorticity into the flow. In the Converging case, flow is di-
rected into the centre of the vessel, encouraging a pair of vortices to form. The flow passing
through the Diverging mesh is consistently ‘flatter’ and directed towards the outer edges of the
vessel. In addition, a pair of vortices are introduced rotating in the opposite direction to the

Converging case.
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However, the flow conditions created by the curved pipe geometries are not a good representation
of typical conditions at an aneurysm in-vivo. In particular, the flow rate passing through the
mesh is unrealistically high compared to the flow entering a side-wall aneurysm. Also, the effect
of the pulsatile nature of blood flow in-vivo on any flow vorticity introduced by a flow-diverter

is unknown.

3.3 Anatomically Accurate Aneurysm Simulations

In the following section the same mesh topologies (Rhomboid, Convergent and Divergent) are
investigated further. The meshes are deployed in anatomically accurate aneurysm geometries
with physiologically consistent flow profiles. The effect of mesh porosity alone is also controlled
for with designs of the same mesh design but varying porosity. Flow reduction and secondary

flow effects are explored in addition to wall shear stress distributions.

3.3.1 Anatomically Accurate Geometries

To quantify the effect of different flow-diverter mesh designs on aneurysm hemodynamics, and
to attempt to generalise the behaviour seen, a number of aneurysm types are simulated with
different flow-diverter mesh designs. The different permutations of the aneurysm and device
types allow for the isolation of specific features that have been linked in the literature to device
effectiveness, such as device porosity, mesh design, parent vessel flow rate, aneurysm aspect ratio

etc.

Three patient-specific vessel geometries, each presenting an aneurysm in a different location and
of a different size and shape, are extracted from patient Computed Tomography Angiography
(CTA) data (see figure 3.11).

The first geometry, ICA Bifurc, represents a small saccular aneurysm of the Internal Carotid
Artery (ICA) proximal to the vessel bifurcation. A second geometry, ICA Giant, has a large
saccular aneurysm present on the ICA, opposite the ophthalmic artery. Finally, the third geom-

etry, MCA, shows a small but sessile aneurysm on the Middle Cerebral Artery (MCA).

Each vessel geometry is imported into Blender and trimmed to within ten vessel diameters
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Figure 3.11: Patient specific geometries with inlets and direction of inflow indicated

upstream and downstream of the aneurysm location in order reduce the simulation mesh size

and increase computational efficiency.

Rl s
‘/";&S" ’/-;4..\
Stent [ Stent I1 Stent 111 Stent IV
70% Porosity 80% Porosity 80% Porosity 80% Porosity

Rhomboid Mesh Rhomboid Mesh Diverging Mesh Converging Mesh

Figure 3.12: Flow-diverter designs

Table 3.2: Flow-Diverter parameters

DEVICE | POROSITY | WIRE DIAMETER = NUMBER OF STRANDS | PORE DIAMETER

Stent I 70% 30um 48 120-260um
Stent II 80% 30um 32% 130-280um
Stent 111 80% 70pm n.a. 500um (min)
Stent IV 80% 70pm n.a. 500um (min)

SILK/PED ~70% ~30pm 48 ~110-250pm

*Number of strands chosen to preserve longitudinal axis angle (rhombus shape) of a 70% porosity 48 strand
stent of the same diameter

Four different flow-diverters are created, with varying porosity and mesh designs, as shown in
figure 3.12 and summarised in Table 3.2. The selection of stent designs is chosen to reflect both

commercially available and entirely novel devices. Stent I is almost identical to the SILK (Balt
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Extrusion, Montmorency, France) or PED (ev3/Covidien, Irvine, CA) with a rhomboid mesh
at 70% porosity. This mesh of this device is identical to the ‘Rhomboid’ mesh discussed in
the previous section. Stents III and IV have been previously discussed and are manufactured
within the Oxford Engineering Science Department. Both ‘Diverging’ and ‘Converging’ meshes
have a porosity of 80%. The remaining device, Stent II, acts as a control on both porosity and
design, with an 80% porosity Rhomboid mesh. Using these designs it is possible to investigate
the influence of stent porosity on inflow reduction alone by comparing Stents I and IT whilst
also investigating the influence of mesh design alone by comparing Stents II, III and IV. These
stent designs are summarised in Table 3.2 and compared to the parameters of the commercially
available SILK /PED. Because of the semi-open cell design of Stents I1I and IV, only the minimum

pore diameter is given.

3.3.2 Simulation Methodology

Flow-diverters are sized to the geometries in accordance with current clinical guidelines recom-
mended by the SILK/PED manufacturers, as detailed in Table 3.3. Each stent design is virtually
crimped and deployed in each aneurysm geometry with an in-house fast deployment algorithm

assuming a rigid vessel wall. [140] [139] [109]

The virtual crimping of the device is necessary to confine the device to within the vascula-
ture prior to virtual deployment; this crimping is conducted in a purely radial fashion, hence
the deployed length of the flow-diverter device remains unchanged. This method of crimping
differs to the method of deployment used clinically whereby the device is compressed radially
into the delivery catheter resulting in longitudinal lengthening. When the device is deployed
radial expansion occurs coincident with longitudinal compression and the device shortens as it
is deployed. As such the degree of foreshortening and the precise location of both the proximal
and distal ends of the device, which are key parameters in successful clinical treatment [45],
are not accurately predicted by the virtual deployment method. However, as discussed in sec-
tion 2.7 the deployed position of the device at the aneurysm neck is virtually unaffected by the

approximations of the virtual deployment method.

The virtually deployed flow-diverter geometries are trimmed to improve computational efficiency,
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Table 3.3: Vessel diameter and Flow-Diverter sizing

VESSEL VESSEL DIAMETER VESSEL DIAMETER DEVICE
(DISTAL TO ANEURYSM) (PROXIMAL TO ANEURYSM) | DIAMETER*
ICA_Bifurc 3.10-3.70mm 3.25-3.80mm 3.5mm
ICA_Giant 3.25-3.75mm 3.75-4.00mm 4.0mm
MCA 2.45-2.60mm 2.35-2.70mm 2.5mm

*Devices chosen according to current SILK/PED manufacturers’ recommendation

leaving a stent length of approximately one aneurysm neck diameter upstream and downstream
of the aneurysm neck for each geometry. Despite dramatically different mesh topologies of the
devices, very little variation is seen between the deployed positions of the flow-diverter designs
across the aneurysm geometries. Cutaway sections showing each flow-diverter device deployed
in the ICA _Giant aneurysm geometry, which is the most tortuous case, are shown in figure 3.13.
If Stents III and IV were to be deployed in a vessel with much greater curvature than that seen
in the ICA Giant geometry, it is likely that the ‘chevron’ portions of the design would collide
with one another, making the device less flexible unless the stent struts were to overlap one

another, a situation not encountered in the geometries simulated.

Stent I Stent 11 Stent 111 Stent IV

Figure 3.13: All four flow-diverter devices deployed in the ICA _Giant geometry

Transient flow mesh independence tests are performed on each geometry with and without
a stent deployed with meshes corresponding to minimum cell densities of approximately 1-
60,000 cells/mm3. The aneurysm geometries, with and without the Stent I device deployed, are
imported into CFD-VisCART to be meshed. The meshing of each geometry is completed with a
Projected Single Domain mesh, an Omnitree Cartesian tree type, and three near-wall Cartesian
layers to give a smooth and well-resolved boundary definition. The results of these simulations

are shown in figure 3.14.

A measurement plane is defined at the neck of each aneurysm, through which the aneurysm
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Figure 3.14: Mesh independence plots

inflow is recorded. The planes are placed as recommended by Kim et al. [73], and the number of
mesh elements in the plane exceeds the recommendation of Jou et al. [69], to fully resolve flow

features. Meshes are assumed independent when the variation in both mean and instantaneous
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reduction in aneurysm inflow falls to less than 1% for two consecutive mesh fineness levels. This
condition is met for all three aneurysm geometries at a cell density greater than 5,000 cells/mm3,
approximately the same as that calculated for the idealised pipe geometries in section 3.2.2.
The resulting meshes, generated at this fineness level for all three geometries with each device

deployed, fall in the range of 2,850,000 to 8,160,000 elements.

The simulation meshes are imported into the multi-physics suite CFD-ACE+. The Reynolds
numbers of the flow in the parent vessel of each aneurysm geometry have a minimum around
160 at diastole and a maximum around 760 at systole, indicating laminar flow (verified in each
case, by the lack of emergent high frequency oscillations, as interrogated in the high resolution
computations). For all three geometries simulated with pulsatile flow at a frequency of 75 BPM,
the Womersley number remains in the range of 1.3-2.2, which supports a parabolic inlet flow

profile assumption. [56]

Blood flow is modelled as an incompressible fluid with unsteady 3D Navier-Stokes governing
equations, with a Central Differencing scheme for spatial differentiations and interpolations as
well as a Crank-Nicholson second order scheme for time-marching. A density of 1000kgm > and
a dynamic viscosity of 0.004 Pa s are assumed. The SIMPLE-Consistent (SIMPLEC) pressure
correction method [105] [41] and an algebraic multigrid method for convergence acceleration are

used. [15§]

A radially symmetric parabolic velocity profile is prescribed at the inlet of each aneurysm geom-
etry. The periodic variation of the mean inlet velocity of each vessel is scaled to fit volumetric
flow curves generated from a 1D model of the arterial tree. [123] The flow rate profiles for the
Internal Carotid and Middle Cerebral Arteries are both shown in figure 3.15. Three full cardiac
cycles are simulated with the flow distribution only measured in the third cycle in order to

remove as many transient effects of the pulsatile flow profile as possible.

Simulations are run for each aneurysm geometry with and without the four different designs of
flow-diverter implanted. Transient simulations are run with a time-step of 0.01 seconds for three
cardiac cycles at 75 BPM, totalling 2.40 seconds. Time-step sensitivity studies at 0.05, 0.01 and
0.005 seconds indicated that a time-step of 0.01 seconds is appropriate for these flows and is

typical of similar CFD studies. [69] [85] [149] All simulations converge to a stable solution with
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Figure 3.15: Parent vessel flow profiles

a solution time for each time-step of around 40 minutes when run on up to 64 2.93GHz cores,
depending upon mesh size. Each time-step of the simulations is found to typically converge
to five orders of magnitude residual reduction in 50-100 iterations with no individual time-step

exceeding 500 iterations.

A fixed pressure boundary condition is applied to all outlets of each geometry. It should be
noted that this condition may be unrealistic for vessels that are subsequently jailed after stent
deployment, when a higher back-pressure is likely. Although artery-specific pressure profiles
based on 1D flow network calculations may be incorporated into simulations to represent the
relative back-pressure of different vessel sizes and arterial beds, imposing these conditions on a
vessel both pre- and post-intervention is problematic if the vessel is jailed by a flow-diverter. In
order to investigate the sensitivity of predicted flow reduction to such a pressure change induced
by vessel jailing, a series of steady state simulations are performed with Stent I deployed and
an increasing back-pressure boundary condition imposed at the jailed outlet vessel. This test
is only conducted on the ICA Giant geometry as the other two geometries contain no vessels

jailed by the flow-diverter.

Simulations are run with the same solver parameters discussed previously, but with a steady
state inflow rate of 230ml/min. The outflow pressure boundary condition of the jailed ophthalmic
vessel is increased up to +500 Pa (3.75 mmHg) in increments of 100 Pa. The aneurysm inflow
rate for each outlet pressure is calculated, and the percentage reduction in aneurysm inflow

calculated from the inflow recorded for the same geometry with no device deployed and a 0 Pa
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outlet condition. This change in aneurysm inflow reduction is plotted in figure 3.16 in addition
to the jailed vessel flow rate, relative to the flow rate seen in the simulation with a 0 Pa outlet

pressure condition.
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Figure 3.16: Changes in both aneurysm inflow reduction and Ophthalmic artery flow due to variation
in outlet pressure condition (Stent I)

A variation of 4.3% is seen in aneurysm flow reduction for Stent I (42.1% reduced to 37.8%)
despite a near 100% reduction in ophthalmic artery flow between the 0 Pa and +500 Pa sim-
ulations. Thus, the effect of the fixed pressure boundary condition at the jailed vessel can be
considered small. The assumption of a constant fixed pressure outlet boundary condition for
all vessels is further reinforced by the close correspondence to in-vivo measurements of the rel-
ative proportions of outflow seen in the daughter vessels of the ICA Giant and ICA Bifurc

simulations with no device deployed. [123] [58] [126]

3.3.3 Results: Flow Reduction

The bar chart in figure 3.17 summarises the reduction over the cardiac cycle in aneurysm inflow
due to each stent deployed in the respective geometry. The range of percentage flow reduction

over the cardiac cycle is indicated in black on each mean value.

66



ANEURYSM INFLOW REDUCTION BY GEOMETRY
AND STENT TYPE

o0
(=]
)
—

[*N
(e}

% Reduction in Aneurysm inflow
o N
S <)

ICA_ Bifurc ICA_Giant MCA
& Stent I u Stent 11 Stent 111 & Stent IV

:[ =Range over cardiac cycle of transient simulation

Figure 3.17: Reduction in aneurysm inflow due to device deployment in each aneurysm geometry

Across the three aneurysm geometries a considerable range in mean flow reduction (27.2-77.6%)
is seen over all four stents, as shown in figure 3.17. An even greater range of instantaneous flow
reduction is seen over the entire cardiac cycle with flow reduction as low as 22.7% and as high
as 88.0% observed. Consistently across all three geometries and both parent vessel flow profiles
(MCA and ICA), the lowest flow reduction is seen at peak systole, when parent vessel flow is
at its highest. The greatest flow reduction is seen at the dicrotic notch, when parent vessel flow
is at a minimum. The considerably higher range of parent vessel flow over the cardiac cycle
seen in the ICA geometries (ICA: 130-570 ml/min, MCA: 95-205 ml/min) is also evident in the
higher range of flow reductions (indicated in black on figure 3.17) seen in both ICA geometries.
By contrast, the MCA geometry experiences the lowest variation in inflow reduction over the

cardiac cycle.

The variation from the mean flow-rate over the cardiac cycle in both types of parent vessels
(ICA and MCA) is markedly asymmetric, with flow maximums of 2.5x and 1.7x the mean flow
for the ICA and MCA respectively, compared to flow minimums of 0.6x and 0.8x respectively.
However, the variation of inflow reduction about the mean seen across all geometries and flow-
diverter types appears considerably more symmetric; both the maximum and minimum inflow

reductions fall approximately equidistant from the mean inflow reduction in all cases. The
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largest percentage variation in inflow reduction is seen for the ICA Bifurc geometry with Stent
IT deployed where an inflow reduction of 40% 4+ 12% is seen, despite a parent vessel flow that

varies by +150% and - 40% from the mean value.

In the cases of Stents I and II, the assumption that a lower porosity stent produces a greater
reduction in aneurysm inflow is supported, with the 70% porosity mesh of Stent I redirecting
15-20% more aneurysm inflow than the 80% porosity mesh of Stent IT across all three aneurysm
geometries. The lowest porosity device, Stent I, gives the greatest flow reduction in two-thirds of
the geometries, but surprisingly in the MCA geometry, Stent I11 (80% porosity diverging mesh)
outperforms Stent I (70% porosity rhomboid mesh). Stent III also outperforms the other 80%
porosity devices in the remaining two geometries. This suggests that while generally a lower
stent porosity results in greater inflow reduction for a given mesh design, certain mesh design

traits may offer substantial increases and decreases in this performance.

The sensitivity of inflow reduction to mesh design seems to be aneurysm geometry specific
with the greatest variation in device performance seen in the MCA geometry. This is further
reinforced by the flow patterns seen in figure 3.18. Little difference in aneurysm flow patterns is
seen between Stents I and I1I deployed in ICA _Giant, but for the MCA geometry, a substantially
flatter flow profile that infiltrates the aneurysm sac much less is seen in the case of Stent III

when compared to Stent I.

These differences in flow patterns are also visible in the aneurysm entry planes. Figure 3.19
shows both the velocity magnitude and vorticity of flow at the aneurysm neck of the MCA case.
The velocity profile of the flow is shown for both mean and maximum parent vessel flow rate

with darker areas indicating the region of aneurysm inflow.

For the MCA geometry the action of the different mesh topologies appears quite different, which
results in substantial variation in flow pattern and inflow region shape. The rhomboid mesh
of Stent I and (less so) Stent II confines aneurysm inflow to the proximal portion of the MCA
aneurysm neck (left-hand side in figure 3.19), with flow exiting in the distal half of the neck.
The vorticity in the inflow region is markedly lower for the rhomboid devices, and Stent I in
particular, suggesting behaviour that is consistent with the results of section 3.2.3, with the high

pore-density rhomboid mesh of Stent I eliminating almost all in-plane velocity components of
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Figure 3.18: Streamlines of flow (lines tangential to instantaneous velocity vectors) at mean parent
vessel flow rate across all three aneurysm geometries with and without a flow-diverting stent deployed

the aneurysm inflow.

In figure 3.19, substantial vorticity components are seen at the aneurysm neck for Stent III.
In particular, these vorticity components appear to follow the angle of the diverging mesh and
result in a chequerboard pattern of positive and negative vorticity. This pattern of vorticity
suggests that Stent III generates locally adjacent areas of opposite vorticity, leading to flow

being ‘flattened’ by the device (as shown in figure 3.18), and is subsequently either redirected

69



out of the aneurysm via the two ‘sides’ of the neck, or the flow forms the central vortex structure

seen in figure 3.18.

In the Stent IV case, a similar magnitude of in-plane vorticity is seen to Stent III. However,
the converging nature of the mesh design appears to concentrate the flow towards the centre of
the aneurysm neck, and not towards the sides of the neck as in Stent III, which results in high
velocity-magnitudes and greater flow infiltration into the aneurysm dome for Stent IV, as visible

in figure 3.18.

Stent II appears to performs particularly badly in the MCA geometry for two reasons: firstly, the
rhomboid mesh reduces the vorticity of the flow entering the aneurysm dome allowing the inflow
to penetrate deeper into the aneurysm (compare Stent I and IT with IT and IV in figure 3.18) and
effectively reducing the resistance to flow entering the aneurysm dome; secondly, the flow that
does enter the aneurysm dome is substantially faster moving than for Stent I (compare Stent I

and IT in figure 3.19) owing to the higher porosity (80% vs. 70%) of the device.

The flow patterns of figure 3.19 show substantial variation in both velocity magnitude, shape and
in-plane vorticity resulting from changes in mesh design alone, which reinforces the assertion
discussed previously: that the performance of flow-diverter designs in the MCA geometry is

governed by mesh design as much as by porosity.

Conversely, the vorticity and inflow region shape at the aneurysm neck of the ICA Bifurc
and ICA Giant geometries, shown in figure 3.20, shows very little variation across the three
different flow-diverter mesh topologies. From the detailed inflow and outflow patterns seen in
figure 3.20 it is clear that for these two geometries, the success of the different flow-diverters
is primarily determined by porosity and the subsequent degree of inflow velocity reduction.
In the ICA Giant case in particular the relatively identical inflow regions, vorticity and local
velocity magnitude result in very little variation in flow reduction (~27-33%) across all three

80% porosity devices.

Finally, parent vessel flow at the vessel cross-section immediately before the aneurysm, is shown
for each geometry in figure 3.21. Both velocity magnitude and vorticity are plotted for the plane
indicated in each geometry. The MCA case in figure 3.21 shows a vorticity and velocity profile

similar to a that of pressure-driven flow in a curved pipe, which is not surprising given the visual
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Figure 3.19: Aneurysm inlet planes for the MCA geometry. Velocity magnitude and vorticity are
indicated for mean and maximum flow rate. Darker areas correspond to the region of inflow.

similarity between the MCA geometry and the curved pipe geometries discussed in section 3.2.3.
The same is also true, but to a lesser degree, of the velocity profile, vorticity and vessel shape
for the ICA Bifurc geometry in figure 3.21. By contrast, the highly tortuous nature of the
ICA Giant vessel geometry creates a cross-sectional flow profile that is very distorted, when

compared to a concentric Poiseuille regime.
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Figure 3.20: Aneurysm inlet planes for the ICA_Bifurc and ICA_Giant geometries with velocity

magnitude and in-plane direction indicated

These differences in the shape and complexity of the flow immediately proximal to the aneurysm

neck may provide an explanation for the increased influence of device mesh shape on aneurysm

flow pattern seen in the MCA geometry. Additionally, the angle of flow striking the device

mesh may be highly influential. In both the ICA Bifurc and ICA Giant cases, flow enters the
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Figure 3.21: Parent vessel velocity magnitude and vorticity profiles at mean flow rate for cross-sections
proximal to each aneurysm

aneurysm in a classic ‘shear-driven’ manner, with flow then striking the device mesh at a very
shallow angle. In the MCA case, the flow entering the aneurysm strikes the mesh at an angle
closer to that seen in the curved pipe geometries of section 3.2.3, where the mesh patterns of

Stents III and IV were shown to add significant vorticity to flow.

The variation of aneurysm inflow reduction seen across stent designs and aneurysm geometries
challenges the assumption that flow reduction of a device is primarily governed by mesh porosity
and pore size. It is generally considered that for a given porosity a flow-diverter mesh design
with a larger number of smaller filaments results in greater flow reduction. [84] This rationale
assumes that the primary means of flow-diverter action is by a hydraulic resistance dominated
by the increased skin friction of many small stent struts. The dramatically different performance
of Stents III and IV, which have the same pore size, strut diameter and porosity, suggests that
large-scale flow effects, influenced (if not dominated) by large stent mesh shape variation and
features, may also have an important role to play in flow-diverter design. The action of flow-
diversion appears to be quite different between Stents I and II and that of Stents III and IV:
Stents I and II appear to resist flow by means of the fine mesh offering a frictional resistance
to fluid passing through it. However, Stents III and IV appear to redirect or steer flow out
of or into the aneurysm respectively. Considering the deployment of Stents III and IV across

the aneurysm geometries, the Diverging or Converging mesh patterns alone appear to introduce
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a variation in inflow reduction of 5-10%, with the Diverging pattern of Stent III consistently

outperforming the Converging mesh of Stent I'V.

3.3.4 Results: Wall Shear Stress

The aneurysm WSS distributions at mean arterial flow rate are shown in figure 3.22, where each
geometry is indicated prior to placing a flow-diverter and also with each device design implanted.
Across all the geometries, areas of elevated WSS correspond to regions of relatively high-speed

flow impingement (see flow streamlines in figure 3.18.)

The WSS pattern in the aneurysm dome of the ICA Bifurc geometry is relatively unchanged
by either the presence or absence of a device or by different device designs that are implanted.
The only significant change visible after deployment of any device design in the geometry is the
elimination of an area of locally elevated WSS on the proximal face of the aneurysm dome (left-
hand side of the dome in in the figure). However, this area of locally elevated WSS (around 3Pa)
is well within the range of normal physiological values of WSS, hence the ICA Bifurc geometry
would be considered at a low risk of growth or rupture if left untreated. The removal of this local
WSS peak and the general reduction of WSS throughout the ICA Bifurc aneurysm to a very
low value by all devices suggest that aneurysm isolation by significant thrombus formation would
be likely regardless of the device implanted. Given that the flow pattern within the ICA Bifurc
aneurysm dome does not change substantially after device deployment, remaining as a classic
shear-driven vortex in all cases, the change in WSS pattern is attributed to a reduction in flow

velocity in the aneurysm dome alone (clearly visible in figure 3.18).

The spatially-averaged WSS values for the ICA  Bifurc aneurysm detailed in figure 3.23support
the pattern seen visually, with a substantial reduction (greater than 75%) in mean WSS after
deployment of any device design. The reduction in mean WSS achieved by Stent I (70% porosity)
is considerably greater than that of Stents II-IV (80% porosity) and reduces the observed WSS
to a value very close to zero. Given the small variation in WSS reduction across the three 80%
porosity designs with varying mesh topologies, it appears that for the ICA Bifurc case both

inflow reduction are WSS reduction are primarily governed by device porosity.

The reduction in aneurysm inflow (and hence mean inlet velocity) achieved by the different
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Figure 3.22: WSS at mean flow rate

devices is of the order of 40-60%, but the reduction in average WSS is around 75-94%. This

reinforces the notion that even in this seemingly simple single-vortex flow pattern, flow within
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the aneurysm dome is highly complex compared to Poiseuille-like flow environment, where WSS

and flow rate are directly proportional.

Finally, the ICA Bifurc aneurysm geometry would be considered low-risk by clinical metrics
being a small, relatively narrow-necked, side-wall aneurysm, an assumption supported by the
maximum and mean WSS values within the aneurysm dome falling in the range of a healthy

cerebral vessel. [92]
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Figure 3.23: Spatially-averaged and maximum WSS values for the dome of each aneurysm at mean
arterial flow

Although the ICA Giant aneurysm with no device deployed has a mean WSS value in the
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normal physiological range, the clearly elevated area visible mid-way up the aneurysm dome
may present some clinical concerns. All of the flow-diverter designs reduce the size and peak
value of the elevated region, but in all cases the WSS in the region remains high with a peak

value greater than 6 Pa (see figure 3.23).

The greatest reduction in both spatially-averaged and maximum WSS is achieved by the lower
porosity flow-diverter, Stent I, which is consistent with the greater inflow reduction also seen.
Across the three 80% porosity meshes (Stents II-IV) the WSS distribution is broadly unchanged,
but the absolute value of WSS varies significantly. From figure 3.23 it is clear that the the
performance of Stent II and Stent IV are almost identical in both mean and maximum WSS
reduction, but Stent III creates a reduction in both mean and maximum WSS around halfway
between the other two 80% porosity designs and the 70% porosity device. Visually, this greater
reduction can be attributed to the reduced flow penetration into the aneurysm dome in the
case of Stent III. This is especially noticeable in figure 3.18, where a small area of relatively
fast-moving flow is present in the top-right corner of the aneurysm dome in the Stent II and

Stent IV geometries but is entirely absent in the Stent I and Stent III cases.

It appears that unlike the ICA _Bifurc aneurysm geometry, for the ICA _Giant case, reduction in
aneurysm dome WSS is governed by both porosity and mesh design. The reduction in mean WSS
falls in the range of 37-67%, consistently higher than the corresponding reduction in aneurysm

inflow of around 25-40%.

The WSS reduction achieved by each design of flow-diverter is quite different in the MCA
geometry, although as before in both the ICA _Bifurc and ICA _Giant cases, the broad pattern of
WSS remains relatively unchanged. The large fraction of high-speed flow entering the aneurysm
dome in the ‘No Device’ case of the MCA geometry (see figure 3.18) results in highly elevated
average and peak WSS values as shown in figure 3.23. Such a large departure in WSS from
the ‘physiologically normal” value of around 2 Pa would suggest the aneurysm is at risk of
complications if not treated, consistent with the clinical metrics of low aneurysm-aspect-ratio

and aneurysm location.

All four designs of flow-diverter reduce the mean WSS seen in the aneurysm dome to a value

considered more typical of the vasculature, but the maximum WSS values seen remain very high
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(greater than 10 Pa), especially in the case of Stent II.

From figure 3.23 it is clear that the greatest reduction in mean WSS is achieved by Stent III,
despite having a higher porosity than Stent I. As previously discussed, regarding Stent I in
the ICA Giant geometry, here the reduced WSS values seen in the case of Stent III appear
to visually correlate with reduced flow infiltration into the aneurysm dome (see figure 3.18).
Additionally, the more coherent flow pattern introduced into the aneurysm dome by Stent III,
with a single vortex centred on the approximate centre of the aneurysm dome, results in less
flow impacting the aneurysm wall, which in-turn substantially reduces the WSS. In all other
flow-diverter designs (Stents LII and IV) the flow pattern within the aneurism dome is relatively
unchanged from the ‘No Device’ case: a jet of flow enters the aneurysm and strikes the dome at
the distal wall, leading to an elevated area of WSS. Significant variation in mean and peak WSS
reduction is seen in the MCA geometry with changes in mesh design alone. Unlike in the previous
two geometries, ICA Bifurc and ICA Giant, in this case, the flow-diverter performance appears
to actually be dominated by mesh design over porosity, with a range of 20% reduction in mean
WSS attributed to porosity variation, and a range of 26% attributed to changes in design.
Once again, the reduction in mean WSS achieved (63-89%) is substantially greater than the

corresponding reduction in aneurysm inflow alone (44-78%).

The maximum values of WSS shown in figure 3.23 may be somewhat spurious, and these values
should be viewed with caution as they may not representative of the WSS pattern as a whole.
Although areas of elevated WSS are common (such as the clearly elevated area of WSS seen in
the ICA _Giant geometry), the maximum values in figure 3.23 for the ICA Bifurc and MCA
cases are commonly associated with the surface of a geometry that is not perfectly smooth.
Evidence of this effect can be seen in high-WSS areas of the ICA _Bifurc and MCA geometries,
where bands of mid-range and elevated WSS values create unrealistic contours of WSS resulting
from artefacts of smooth continuous surfaces being represented by finite voxels. A similar WSS
pattern emerges in areas of the mesh that adjoin the flow-diverter mesh; sharp edges of the flow-
diverter are rendered as perfectly rigid arterial wall, resulting in highly elevated WSS, which
would be substantially reduced in-vivo by mechanisms of vessel deformation and remodelling.
Broadly, any maximum value of WSS from a rigid-wall simulation is likely to highly overestimate

the absolute value of WSS when compared to that experienced in the in-vivo environment.
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3.3.5 Anatomically Accurate Geometry Conclusions

The changes in aneurysm flow pattern after deployment of a flow-diverter device vary consider-
ably over the three cases discussed. In the ICA Bifurc aneurysm, all device designs resulted in
little change in aneurysm flow pattern, but did induce an overall reduction in aneurysm velocity.
The complex flow patterns within the ICA _Giant geometry showed some variation after device
deployment with more successful devices reducing aneurysm inflow velocity and flow infiltration
as well as creating a more coherent, and less chaotic, flow pattern. Finally, the MCA aneurysm
showed the greatest variation in flow pattern after device deployment with the most successful
device restructuring the flow pattern within the aneurysm dome from a high-velocity jet vio-
lently impacting the distal aneurysm wall to a relatively low-velocity single vortex with localised

flow at a tangent to the aneurysm wall.

The WSS patterns seen within each aneurysm do not change dramatically from the WSS distribu-
tion with no device deployed. The deployment of a device reduces both the mean and maximum
WSS magnitude within the aneurysm dome, and this reduction in WSS is consistently greater
than the corresponding reduction in aneurysm inflow alone, suggesting the aneurysm WSS values

are highly sensitive to the complex flow environment within the aneurysm dome.

3.4 Conclusions

A number of large-scale flow effects have been observed in both idealised pipe geometries and
patient-specific anatomically accurate aneurysm geometries. In some cases these flow patterns
remain un-altered after treatment with a flow-diverter, but in other cases the flow pattern varies
as a result of subtle changes in the mesh design of the flow-diverter devices alone. Different
flow-diverter mesh topologies have been shown to introduce varying degrees of vorticity into
flow passing through the mesh. In some cases, dramatically different flow patterns within the
aneurysm sac result from treatment with devices of identical porosity but very small changes in

mesh design.

Rhomboid mesh designs, like that of existing flow-diverter devices, have been shown to act in

a porosity-dominated fashion; the relatively small mesh pore size dissipates flow and removes
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almost all vorticity, resistance to flow is achieved by a frictional reduction in velocity alone.

The shaped mesh topologies that have been discussed, the Converging and Diverging cases, pro-
duce different percentage reductions in aneurysm inflow despite having a common porosity. In
one aneurysm geometry in particular, dramatically different aneurysm flow patterns, attributed
to mesh topology alone, result from treatment with each device. The action of both the Con-
verging and Diverging mesh designs is to both resist flow and to impart some degree of vorticity
the flow passing through the meshes. The presence and directionality of this vorticity appears
to be the determining factor in any changes in flow pattern observed. Flow reduction in these
meshes is achieved by both frictional reduction of flow velocity and by a redirection of the flow

into or away from the aneurysm dome.

Despite a reduction in the magnitude of maximum and mean WSS in the aneurysm dome after
device deployment, the pattern of the WSS distribution remains relatively unchanged. Areas of
peak WSS, most often associated with flow jetting and impingement, often remain in the same
location after device placement. WSS and flow reduction are not simply linked, as would be the
case for pressure-driven flow in a straight pipe. Consistently across all devices and aneurysm
geometries, reductions in spatially-averaged and peak WSS at mean flow rate are reduced by a
greater percentage than aneurysm inflow reduction, reinforcing the non-linear relation between

inflow reduction and WSS reduction.

Finally, it is apparent that anatomically accurate aneurysm geometries can introduce highly
complex flow patterns in both the parent vessel and aneurysm dome. Such complex flow ren-
ders the outcome of aneurysm treatment with a flow-diverter highly non-trivial. Hence, simple
resistance-based metrics such as mesh pore-size and porosity offer very limited insight into treat-

ment success.
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Chapter 4

Alternative Flow-Diverter Design

Concepts: the ‘Sphere’ Device

This chapter describes the development and testing of a novel, non-cylindrical flow-diverter de-
vice. The device concept is introduced in section 4.1 and investigated in an idealised aneurysm
geometry in section 4.2. The analysis is extended to siz anatomically accurate aneurysm geome-
tries in section 4.3. Finally, the device performance is compared to the action of commercially

available flow-diverter devices in section 4.4.%>

4.1 Introduction

Current designs of cerebral flow-diverter in clinical use are exclusively of a cylindrical, tubular
design. Both the PED (Covidien/ev3, Irvine, CA) and the SILK flow-diverter (Balt Extrusion,

Montmorency, France) are formed of interwoven wires.

While such flow-diverter designs present an elegant treatment solution for sidewall aneurysms,
treatment of bifurcation aneurysms with flow-diverters remains problematic. The closed-cell

!The work presented in section 4.3 of this chapter has appeared as part of: T W Peach, J F Cornhill,
A Nguyen, H Riina, and Y Ventikos. The ‘Sphere’: A Dedicated Bifurcation Aneurysm Flow-Diverter
Device. Cardiovascular Engineering and Technology, 5(4):334-347, 2014 [110]

2The work presented in section 4.4 of this chapter appears as T W Peach, K Spranger and Y Ventikos.
Towards Predicting Patient-Specific Flow-Diverter Treatment Outcomes for Bifurcation Aneurysms:
From Implantation Rehearsal to Virtual Angiograms. Annals of Biomedical Engineering (Forthcom-

ing)
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Figure 4.1: Conventional flow-diverter design deployed in both a sidewall and bifurcation aneurysm

cylindrical nature of current flow-diverter designs makes the jailing (covering of the vessel lumen
with a device mesh) of all but one daughter vessel inevitable during treatment. This is illustrated

in figure 4.1 (right).

These concerns have been replicated in the clinical cases reported in the literature. A study
conducted by Saatchi et al. [130] included 46 ‘uncoilable’ aneurysms that originated at vessel
bifurcations. Although successful treatment with the PED was reported in 41 cases, in the five
remaining cases (10.9%) complete occlusion of the daughter vessel was reported, which resulted
in the death of one patient. Many of the early concerns related to flow-diverter treatment
(risks of emboli transport and in-stent thrombosis as well as incomplete re-endothelialisation)
are especially acute for the treatment of bifurcation aneurysms with flow-diverters. Perhaps as
a consequence of this, there are very few examples in the literature of bifurcation aneurysms
treated with either SILK or PED, but the cases that are presented have high variability in

treatment outcome. [78| [87]

Alternative concepts to the conventional cylindrical flow-diverter have been proposed to better
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address the treatment of bifurcation aneurysms and reduce treatment morbidity and mortality.
The most significant alternative is the WEB device (Sequent Medical, Aliso Viejo, CA), as
discussed in chapter 1. The WEB device is capable of treating a bifurcation aneurysm without
daughter vessel occlusion by morphing a Nitinol mesh, similar to conventional cylindrical flow-
diverters, into a collapsible ball that may be deployed within the aneurysm dome. [74] [113] The
device is then secured within the aneurysm sac itself by expanding to oppose the vessel wall in
a similar manner to conventional coiling. It is unknown whether or not a relatively high radial
force device deployed inside the aneurysm dome alters any risk of aneurysm weakening, enlarging

or rupture, as is the effect of such forces on wide-neck and giant aneurysms in particular.

In this chapter a design is proposed for a novel device with flow-diverting functionality, intended
to specifically treat bifurcation aneurysms. The device, now known as the ‘Sphere’, is a Nitinol
spherical frame that presents a high-density face to the aneurysm neck in order to reduce inflow.
It is secured by ‘legs’ in the form of multiple open hoops that form part of the spherical frame,
which are deployed in the parent vessel distal to the aneurysm. Thus, all bifurcation daughter
vessels remain uncompromised following treatment, unlike some interventions using conventional
cylindrical flow-diverters. In addition, the device is secured in a non-diseased portion of the
artery where high radial force, of the order of conventional cylindrical flow diverters, is not
a concern. Additionally, no portion of the flow-diverter device enters the delicate aneurysm

dome.

4.2 Idealised Aneurysm Geometry Simulations

4.2.1 Aneurysm and Device Geometries

A prototype flow-diverter device is shown in figure 4.2 (left). The device is developed by the
Minimally Invasive New Technologies (MINT) group based at Weill Cornell Medical School,
New York. The flow-diverting action of the device is achieved by a dense, woven face that is
secured at the neck of the aneurysm with four flexible legs. The device is constructed from a
single loop of 0.104mm diameter Nitinol wire with an effective porosity of ~70% at the device

face and a face size of 4xbmm. The device is packaged for deployment by securing two of the legs
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to a delivery catheter after the legs have been ‘pulled apart’ returning the device to its ‘single
loop’ configuration. Upon releasing the two secured legs in-vivo, the device returns to the woven

configuration of figure 4.2.

Figure 4.2: Prototype device and the idealised bifurcation aneurysm geometry

An idealised geometry, based on a Basilar tip bifurcation aneurysm, is used to test the device’s
performance. The geometry has a parent vessel of 3mm diameter representing the Basilar Artery
(BA) and two daughter vessels of 2mm diameter corresponding to the posterior cerebral arteries
(PCAs). The superior cerebellar arteries (SCAs) are not represented in the geometry. The

aneurysm is modelled as an approximate sphere with a diameter of 11mm.

4.2.2 Simulation setup

The prototype device is manually deployed within the idealised aneurysm geometry in the 3D
computer graphics package Blender. An entirely rigid vessel wall is assumed. The prototype

device is shown deployed in the idealised aneurysm geometry in figure 4.2 (right).

The aneurysm geometry is imported into CFD-VisCART and meshed. Meshing is completed
with a projected single domain con-conforming mesh, an omnitree cartesian tree type, and three

near-wall cartesian layers to give smooth and well-resolved boundary definition.

The simulation meshes are imported into the multi-physics suite CFD-ACE+. Blood flow is

modelled as an incompressible fluid with unsteady 3D Navier-Stokes governing equations, with
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a Central Differencing scheme for spatial differentiations and interpolations, as well as a Crank-
Nicholson second order scheme for time-marching. The blood fluid is assumed incompressible and
Newtonian with a density of 1000 kgm ™3 and a dynamic viscosity of 0.004 Pa s. A rigid arterial
wall is assumed, as it has been shown to have little effect on the flow patterns seen when compared
to simulations with elastic compliant walls. [39] The SIMPLE-Consistent (SIMPLEC) pressure

correction method [105] [41] and an algebraic multigrid method for convergence acceleration are

used. [158]
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Figure 4.3: BA flow profile

The periodic variation of the parent vessel mean inlet velocity is scaled to fit volumetric flow
curves generated from a 1D model of the arterial tree. [124] A typical flow profile for the Basi-
lar artery is shown in figure 4.3, with a mean flow rate over the cardiac cycle of 120ml/min.
Steady state simulations are run with mean flow of 120ml/min. Poiseuille flow is assumed
and a parabolic, radially symmetric inflow profile prescribed. Inlet Reynolds numbers for the
transient simulation fall in the range of 176-310, while the pulsatility of the flow results in a
Womersely number of 2.10, which confirms that the flow remains laminar and approximately

parabolic.
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4.2.3 Mesh Independence

Transient flow mesh independence tests are performed on the idealised geometry with and with-
out the device deployed. The grid independence test metric employed is the mean volumetric
flow at the aneurysm neck. Meshes are generated at increasing levels of fineness with minimum
cell densities in the range of 1-50,000 elements/mm?. The solution is assumed mesh independent

when the discrepancy between two consecutive meshes falls below 1% of the total inflow.
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Figure 4.4: Idealised bifurcation aneurysm geometry mesh independence

Aneurysm inflow is measured at salient points in the cardiac cycle (peak systole, dicrotic notch
etc.) with the mean aneurysm inflow computed over a single cardiac cycle. Three full cardiac
cycles were simulated with results measured from the final cycle in order to remove transient
effects. The study suggests mesh independence at meshes with a typical minimum cell density
larger than 4000 elements/mm?® as shown in figure 4.4. Additionally, at this level, the number
of mesh elements in each geometry measurement plane exceeds the recommendation of Jou et
al. [69] to fully resolve flow features. The resulting simulation meshes have sizes of 3,740,000

and 2,690,000 cells for the geometry with and without the device deployed respectively.
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The independence of the transient flow solution with time-step size was also investigated. Sim-
ulations run at a time-step(Dt) of 0.05, 0.01 and 0.005 s respectively indicated that Dt = 0.01
s offered both good convergence of solution, unlike Dt = 0.05 s, and no significant change in
flow pattern when compared to Dt = 0.005 s. Such a choice of time-step is consistent with
similar CFD studies. [69] [85] [149] Aneurysm inflow is measured through a plane defined at the
aneurysm neck. The plane must be placed as close to the natural neck of the aneurysm without
falling too close to the device, which can lead to spurious results from local vorticity, as observed
by Kim et al. [73] For the purpose of this analysis, this plane also defines the boundary between

the aneurysm dome and parent vessel.

4.2.4 Steady and Transient Results

Transient simulations are run with a time-step of 0.01 seconds for three cardiac cycles at 75
BPM, totalling 2.40 seconds. The simulations are run on 32, 2.93 GHz cores with each time-step
converging to five orders of magnitude residual reduction in around 50-100 iterations in a typical
solution time of 40 minutes per time step. Steady simulations are run on 8, 2.93 GHz cores with
a typical solution time around 20 hours to the same residual in under 2000 iterations. For both
the steady state and transient solutions, the aneurysm inflow before and after device placement

are compared to give a percentage flow reduction for a given time step.

The predicted flow-reduction due to the prototype device is summarised in figure 4.5 for both the
steady state and transient simulations. For the transient simulation, the mean flow reduction
is plotted in blue and the range of flow-reduction seen over the cardiac cycle is indicated in

black.

From figure 4.5 it is clear that both the steady and transient simulations predict a device flow
reduction of around 50%. The variation over the cardiac cycle of the flow reduction is small
(4.8%), suggesting the pulsatility effects of the flow are also small, leading to good agreement
between the flow reductions of the steady simulations with mean flow rate (50.5%) and the mean

of the transient simulate flow reduction (53.0%).

The streamlines of figure 4.6 and figure 4.7 also suggest that there is little departure between

the flow regime of the steady state solution and the instantaneous flow patterns seen throughout
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Figure 4.5: Mean (and range of ) aneurysm inflow reduction due to device deployment for the idealised
BA geometry

the cardiac cycle in the transient solution. In both the steady and transient computations of
the geometry with no device deployed, the flow pattern in the aneurysm dome remains a single
vortex. This flow pattern evolves from that seen in the first cardiac cycle of the transient solution.
Initially, flow enters as a central jet leading to two counter-rotating vortices, by the third cardiac
cycle this flow pattern has given way to the more energetically-preferential asymmetric single
vortex pattern seen in the figure. This transition from the initially symmetric, but unstable,
flow pattern into a more stable asymmetric regime is likely to be the cause of the very slow
convergence of the steady state solution, taking almost 2000 iterations to reach convergence in

the ‘No Device’ case.

Broadly, the action of the device appears to be to reduce the inflow into the aneurysm into four
distinct jets, as shown in figure 4.6, corresponding to the four central spaces of the device. The
jets have substantially reduced velocities compared to the ‘No Device’ case (mean inlet velocity
falling from 0.402 to 0.207ms~!), with the subsequent reduction in momentum destroying almost

all of the vorticity seen in the aneurysm dome.
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NO DEVICE WITH DEVICE

Figure 4.6: Idealised BA geometry streamlines, steady state simulation

4.2.5 Positioning Study

In order to quantify the sensitivity of the simulation results, a number of steady state compu-
tations are performed with the device rotated in three different planes as shown in figure 4.8.
Simulations are repeated at the same mesh density and with the same solver settings as de-
tailed in section 4.2.2. Given the good correspondence between steady and transient simulation
results and the in the interests of computational efficiency, only steady state simulations are

performed.

No dramatic changes in flow regime are seen, despite the device repositioning. A range of 47.5%
to 54.5% flow reduction is seen across the three repositioned geometries, representing less than a
10% deviation from the 50.5% flow reduction predicted in the idealised positioned steady state

simulation.

4.2.6 Conclusions: Prototype device and Idealised Aneurysm Geometry

The idealised aneurysm geometry used in the computations of section 4.2.1 is a reasonable tool
for quantifying the generalised behaviour of a device, but there are some short-comings. In the

idealised geometry, equal sized daughter vessels and a perfectly symmetric aneurysm dome result
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NO DEVICE

WITH DEVICE

Figure 4.7: Idealised BA geometry streamlines, transient simulation

in a geometry that is ‘too symmetric’, leading to flow patterns that are symmetric but unstable
and which decay into a more stable asymmetric flow regime. Such instability dramatically
decreases the speed of convergence, and may lead to a lack of convergence in some cases where

a solution may oscillate between a number of viable flow regimes.

For the idealised geometry, the steady state simulation at mean flow rate offers a good approx-
imation to the flow reduction averaged over one cardiac cycle of the transient solution. Hence,
considerable computational effort can be saved, but this good correspondence may not be true

for anatomically accurate geometries and should be considered with caution.

Little change in flow reduction was seen as a result of device repositioning. This suggests that
the precise positioning of the deployed device and the method of virtually deploying the device

into position do not substantially effect the resulting flow patterns.

4.3 Anatomically Accurate Aneurysm Geometries

In following section, the previous analysis is extended to increase the accuracy and relevance

of the flow environment experienced by the flow-diverter; the device is deployed in six patient-
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Figure 4.8: Idealised BA geometry repositioned

specific bifurcation aneurysms geometries with flow reduction and wall shear stress calculated.
The design of the novel device is also altered to incorporate a lower porosity face, in the hope

of increasing the flow-diverting action.

4.3.1 Aneurysm Geometries and Device Modifications

Six anatomically accurate, bifurcation aneurysm geometries are selected: three examples of a
Basilar tip aneurysm and three examples of an Internal Carotid terminus bifurcation aneurysm.
The geometries are segmented from CTA data in OsiriX(Freeware) and converted to STL for-
mat before being imported into Blender. The geometries are trimmed to result in vessel lengths
of around five vessel diameters distal and proximal to the aneurysm location, as shown in fig-

ure 4.9.

A modified version of the prototype device is investigated, which is now known as the ‘Sphere.’
The new device has only two legs (compared to the four previously) to increase the ease of device
deployment and a decreased face porosity to further increase the device’s flow-diverting effect.
The device is sized with a diameter between 4.50 and 6.50 mm, depending on aneurysm neck size
and is constructed from a continuous Nitinol wire of 102um (0.004”) diameter. See figure 4.11

(left). The cap-like dense portion of the device is placed at the aneurysm neck, which is in turn
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Figure 4.9: Aneurysm geometries with inlets and direction of inflow indicated

secured by the two device legs that are positioned in the parent vessel proximal to the aneurysm
neck. The cap-like portion of the device used in this simulation, which blocks aneurysm inflow,
has a porosity of 54%. A ‘Sphere’ device is virtually sized to both the aneurysm neck and parent

vessel diameters before being virtually deployed.

4.3.2 Simulation Methodology

Modelling the deployment of the ‘Sphere’ device within a blood vessel is highly problematic.
Fast deployment algorithms, such as that described in chapter 1, rely on a locally regular mesh-
structure in order to accurately approximate the global position of the device. Such methods
are therefore unsuitable for the large deflections of the irregular mesh pattern of the ‘Sphere’
device. An alternative method of virtual deployment is by full Finite Element Analysis (FEA),
but solution stability is a concern, as discussed in chapter 1. The large deflections required to
package and deploy the device combined with a lack of verified models for either vessel flexibility

or vessel-device contact, render a FEA model of deployment highly complex and unstable. The
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complexity and instability of the solution can be improved by assuming a rigid vessel wall and
applying a substantial damping factor to the device’s movement, but the resulting device position

is entirely unrealistic.

In-vitro deployment rehearsals have been performed by micro-catheter delivery in silicone vessel

phantoms with good device opening observed, as shown in figure 4.10.

Figure 4.10: Sphere device deployed in a silicone phantom

Consequently, in this case, all devices are manually deployed in Blender assuming the vessel wall
to be entirely rigid. The device is positioned assuming that the dense face is completely rigid
and that the flexible legs, which provide device security and have no flow-diverting function, are
positioned approximately. Visually, this virtual deployment method results in a device resting

position very similar to that obtained experimentally.
A typical virtual device placement is shown in figure 4.11 (right).

The aneurysm geometries, with and without the device deployed, are imported into CFD-
VisCART to be meshed. The meshing of each geometry is completed with a Projected Single
Domain con-conforming mesh, an Omnitree Cartesian tree type, and three near-wall Cartesian

layers to give a smooth and well-resolved boundary definition.
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Figure 4.11: Sphere device deployed in an aneurysm geometry

The periodic variation of the mean inlet velocity of each vessel is scaled to fit volumetric flow
curves generated from a 1D model of the arterial tree. [124] Typical flow profiles for the ICA
and BA parent vessels over the cardiac cycle are shown in figure 4.3 and figure 4.12, with mean
flow rates over the cardiac cycle of 230 and 120 ml/ min respectively. Steady state tests are run
with mean flow of 230 ml/min for the ICA geometries and 120 ml/min for the BA geometries.
Poiseuille flow is assumed and a parabolic, radially symmetric inflow profile prescribed. Inlet
Reynolds numbers in the range of 274-392 are seen across the steady state simulations of the six

geometries.

Transient studies are run with the same meshes but with a time-varying inflow based on the
profiles of figure 4.3 and figure 4.12. A radially symmetric inlet velocity profile is prescribed and
scaled to result in the same mean flow of the steady state study when averaged over the entire
cardiac cycle. This results in transient simulations with mean inlet Reynolds numbers of 274-323
(range of instantaneous Re: 189-403) for the BA vessels and 306-392 (range of instantaneous
Re: 169-980) for the ICA vessels. A parabolic inlet velocity profile is used as the relatively small
Womersley number of the inflow (1.68-2.72) suggests little departure in velocity profile from a

Poiseuille solution.

The option to include outflow boundary conditions derived from either experimentally measured
flows or pressures, values originating from 1D models, or simple fixed pressure values was avail-

able. Given that the goal of this study was to compare conditions between untreated and treated
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Figure 4.12: ICA flow profile

vessels and that access to measurements for the particular aneurysms studied was not available,
the simplest possible outlet boundary condition was chosen to avoid spurious assumptions of
downstream flow conditions after device deployment. Hence, in both the steady and transient
computations, an outflow boundary condition of fixed pressure is prescribed at all daughter
vessel outlets. Although such a condition may be less realistic than pulsatile 1D analogue mod-
els and not fully capture the different back-pressures of the circulatory branches, the relative
proportions of outflow in each daughter vessel observed in this study do not differ substantially

from in-vivo results recorded elsewhere in the literature. [58] [126]

4.3.3 Mesh independence

Transient flow mesh independence tests are performed on one aneurysm geometry from each
location, with and without a device deployed (in this case geometries BA 02 and ICA 02).
The grid independence test metric employed is the mean volumetric flow at the aneurysm neck.
Meshes are generated at increasing levels of fineness with minimum cell densities in the range
of 1-50,000 elements/mm3. The solution is assumed mesh independent when the discrepancy

between two consecutive meshes falls below 1% of the total inflow. Aneurysm inflow is measured
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at salient points in the cardiac cycle (peak systole, dicrotic notch etc.) as well as computing
a mean aneurysm inflow over a single cardiac cycle. Three full cardiac cycles were simulated
with results measured from the final cycle in order to remove transient effects. The study
suggests mesh independence at meshes with a typical minimum cell density larger than 4000
elements/mm?® as shown in figure 4.13 and figure 4.14. Additionally, at this level, the number
of mesh elements in each geometry measurement plane exceeds the recommendation of Jou et

al. [69] to fully resolve flow features.
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Figure 4.13: BA geometry mesh independence

Similar mesh independence tests were performed on all six aneurysm geometries, with and
without the device deployed, but for steady-state simulation only. The simulations were run
with an inlet velocity typical of the mean velocity seen across the cardiac cycle in the ICA and
BA respectively. The steady-state mesh independence test suggested a similar independent cell
density (4000 elements/mm?) in five of the geometries. No convergent solution was found in the
steady state for the ICA 01 geometry, possibly due to intrinsic strong unsteady flow patterns
emerging due to flow instabilities, as reported by both Valen-Sendstad et al. [149] and Baek

et al. [7] at high and low frequencies respectively. This extensive mesh independence analysis

96
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Figure 4.14: ICA geometry mesh independence

resulted in mesh size selections that vary between 3,410,000 and 6,520,000 elements across the
geometries for both transient and steady state tests and for cases with and without the device

implanted.

The independence of the transient flow solution with time-step size was also investigated. Sim-
ulations run at a time-step(Dt) of 0.05, 0.01 and 0.005 s respectively indicated that Dt = 0.01 s
offered both good convergence of solution, unlike Dt = 0.05 s, and no significant change in flow
pattern when compared to Dt = 0.005 s. Such a choice of time-step is consistent with similar

CFD studies. [69] [85] [149]

4.3.4 Simulation Results

Transient simulations are run with a time-step of 0.01 seconds for three cardiac cycles at 75
BPM, totalling 2.40 seconds. The simulations are run on up to 32, 2.93 GHz cores with each
time-step converging to five orders of magnitude residual reduction in around 50-100 iterations

in a typical solution time of 40 minutes per time step. Steady simulations are run on up to 8,
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2.93 GHz cores with a typical solution time around 20 hours to the same residual. No convergent
steady-state solution at mean parent vessel flow rate was found for the ICA 01 geometry. An
entry plane meeting the criteria previously set out is projected across each aneurysm neck, and
the aneurysm inflow at each time step of the transient solution and for the steady state solution
is calculated. For both the steady state and transient solutions, the aneurysm inflow before
and after device placement are compared to give a percentage flow reduction for a given time

step.
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Figure 4.15: ‘No Device’ aneurysm inflow

The steady state mean inflow with a device, without a device, and the subsequent flow reduction
for each geometry, excluding ICA 01, are plotted in figures 4.15, 4.16, and 4.17, in red. The
mean (over one cardiac cycle) inflow with a device, without a device and the subsequent flow
reduction of a transient simulation is found by taking the mean of the flow reduction from each
time-step and is plotted in figures 4.15, 4.16, and 4.17, in blue for each geometry. The range of
inflow and flow reduction seen over the cardiac cycle for each geometry is also indicated in the

figures, but in black.

The mean flow entering the aneurysm sac in the BA geometries is similar to the mean flow in
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Figure 4.16: ‘With Device’ aneurysm inflow

the parent vessel (120ml/min), suggesting almost all of the blood flowing in the parent vessel
enters the aneurysm. The pattern in the ICA geometries is quite different. Although the mean
flow in the ICA geometry parent vessels is almost twice that of the BA cases, at 230ml/min,
the mean flow entering the aneurysm sac in the ICA geometries is equal or substantially less
than for the BA cases. The ICA 03 geometry shows a mean aneurysm inflow of approximately
half the parent vessel mean flow while the flow entering the aneurysm sac in the ICA 01 and

ICA 02 cases is only 5-20% of the parent vessel flow.

A similar pattern is observed after device placement, as shown in figure 4.16. Again, the
aneurysm inflow in the BA geometries, exceeds that of the ICA geometries despite the sub-
stantially higher parent vessel flow in the ICA cases. Both ICA 01 and ICA 02 also experience
a very low level of aneurysm inflow after device placement, which, in the ICA 02 case, corre-

sponds to a mean inflow of less than 5% of the parent vessel flow.

Figure 4.18 shows typical lines tangent to the instantaneous velocity vectors at a point of mean

parent vessel flow in each transient simulation for the BA geometries with and without a device
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Figure 4.17: Aneurysm inflow reduction

deployed. In all three geometries, flow in the aneurysm sac before and after device placement is
dominated by a single vortex with a small degree of, possibly, chaotic mixing. [138] A reduction
in this mixing and both the mean and peak flow velocity in the aneurysm sac are seen after device
deployment. The BA 02 geometry experiences the greatest reduction in aneurysm inflow and
also appears to retain the simplest flow regime (a single vortex with little jetting) both before
and after device deployment. The jetting seen in the BA 01 and BA 03 cases with no device
is substantially reduced after ‘Sphere’ deployment but the flow reduction seen is some 20% less
than for the BA 02 case. A more complex flow pattern remains after device deployment in these
two cases, with flow violently striking the aneurysm wall before dissipating into a vortex. In all
three geometries the device reduces the aneurysm inflow velocity at this mean parent vessel flow

condition to typically less than 0.25 ms~!.

Figure 4.19 shows typical lines tangent to the instantaneous velocity vectors for the ICA geome-
tries with and without a device deployed. The mean flow reduction for each geometry is also
indicated in both figures. The flow patterns within the aneurysm sac for the ICA cases are also

dominated by a single vortex with a small amount of what is possibly chaotic mixing. The flow
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Figure 4.18: Streamlines of flow (lines tangential to instantaneous velocity vectors) at mean parent
vessel flow rate both with and without the Sphere device deployed in the BA geometries

patterns appear less complex than for the BA cases, but a large variation (almost 40%) in inflow

reduction after device, deployment is still seen. Flow velocities in the aneurysm sac are greatly
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Figure 4.19: Streamlines of flow (lines tangential to instantaneous velocity vectors) at mean parent
vessel flow rate both with and without the Sphere device deployed in the ICA geometries

reduced after placement of the device but the flow pattern of a single vortex appears unchanged,

although this is less clear in the ICA 01 and ICA 02 cases with very low aneurysm inflow after
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device deployment. The post-device reduction in flow velocity entering the aneurysm sac at
mean parent vessel flow is greater than for the BA cases, with inflow reduced to approximately

0-0.15 ms~ L.

Considering figure 4.18 and figure 4.19, it appears the action of the ‘Sphere’ is to reduce the
velocity and intensity of the flow entering the aneurysm sac with little change in the general
flow pattern within the aneurysm, with the exception of BA 01 as previously discussed. In all
geometries with no device deployed, the flow in the aneurysm sac appears to be dominated by a
single vortex accompanied by a small degree of chaotic mixing, where the inflow jet first strikes
the aneurysm wall, as also observed by Butty et al. [15] Such mixing appears less prevalent in
the BA 02 and ICA 02 geometries, which both saw flow reduction in excess of 50% after device
deployment. The ICA 01 geometry, however, which also saw a substantial flow reduction, has
a flow pattern dominated by mixing that was subsequently reduced to a very slow moving single

vortex after device deployment.

From the aneurysm inflow with no device deployed, shown in figure 4.15, it is clear that the
BA and ICA geometries behave very differently with a much higher aneurysm inflow rate in the
BA cases despite the lower parent vessel flow rate of the basilar artery. This phenomenon may
be due to the anatomical differences in the BA and ICA termination bifurcations; in the BA
cases each aneurysm is relatively wide-necked, with an aneurysm neck diameter larger than the
parent vessel diameter, whereas the ICA cases are relatively narrow-necked and typically have
an aneurysm neck smaller than the parent vessel. Consequently, the resistance to flow entering
the aneurysm in the BA cases is much lower than in the ICA cases, which may explain the
reduced flow entering the aneurysms in the ICA geometries despite a much higher parent vessel
flow rate than the BA geometries. This hypothesis is also supported by the higher peak and
mean velocity of the flow in the aneurysm sac of the BA geometries, despite similar parent vessel

velocities between the two vessel types.

From the transient results shown in figure 4.17, it can be seen that the ‘Sphere’ device produces
a large variation of flow reduction across the six geometries, with a range of 30.6-71.8% in mean
reduction and flow reductions as low as 19.1% and as high as 87.5% seen at the peak systole
and the dicrotic notch respectively. Consistently across the geometries, the greatest reduction

in inflow is observed at the point of lowest parent vessel flow (dicrotic notch), and the least
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reduction in inflow is observed at the highest parent vessel flow (peak systole). In the BA 01
and BA 03 geometries, there is a discrepancy between the mean of the transient prediction
of flow reduction (blue) and the steady state flow reduction prediction (red) but otherwise
the steady state predictions of mean flow reduction are very accurate for the remaining three

geometries for which steady state solutions exist.

Finally, distributions of WSS magnitude are shown in figure 4.20. WSS magnitude is viewed
from the front and back of each geometry and both with and without the device deployed. WSS
plots are shown for maximum inflow at peak systole, and although the magnitude of the WSS
varies, the WSS distribution remains approximately the same across the cardiac cycle. Across all
geometries the ‘Sphere’ device reduces the overall WSS magnitude within the aneurysm dome.
Peaks in WSS magnitude correspond to areas of flow impingement or jets with high velocity
fields near the wall (see figure 4.18 and figure 4.19), and the reduction in flow jetting after device
deployment is also apparent in the WSS distributions and is especially pronounced across the

Basilar geometries and in ICA _03.

As previously discussed, the precise mechanisms of high or low WSS-induced aneurysm growth
and rupture are still hotly debated; in this case, the ‘Sphere’ device appears to promote a
healthier hemodynamic environment within the aneurysm sac by reducing the peaks of the WSS
distribution to a more physiologically normal value (approx. 2 Pa), as shown in figure 4.20. The
larger ICA flow rate results in increased blood flow velocity and hence higher WSS in the ICA
cases. This is particularly noticeable in the ICA 01 geometry, which has a below-average vessel
diameter (less than 3 mm) resulting is very large velocities (figure 4.19) and hence high WSS
magnitude throughout the geometry. This effect is likely to be lessened physiologically with

more elastic deformation of the larger ICA vessels, in turn reducing the WSS magnitude.

Also previously discussed, the geometries that experience the greatest flow reduction after device
deployment appear to have less flow impingement /jetting in the aneurysm sac prior to device
placement. This is reinforced by the WSS distributions of both the BA 02 and ICA 02 geome-
tries where no high WSS (greater than 5 Pa) regions caused by flow jets occur in the aneurysm
dome. Conversely, the three geometries that perform less favourably in terms of device flow re-
duction (BA_ 01, BA 03 and ICA _03) also have high WSS distributions with peaks from flow

jets in the aneurysm sac before device placement. The ICA 01 case does not fit this pattern
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Figure 4.20: WSS plots of all siz aneurysm geometries with and without the Sphere device deployed at

peak parent vessel flow rate

of high WSS in the aneurysm sac corresponding to poor flow reduction by the device, but the
smaller size of the ICA 01 aneurysm (with a height and width roughly equal to the parent vessel
diameter) results in less flow jetting generally and a flow pattern in the aneurysm that is more

similar to the BA 02 and ICA 02 geometries. It is also apparent that higher aneurysm inflow,
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either with or without the device (figure 4.15 and figure 4.16), does not appear to correlate with

increased WSS magnitude in the aneurysm sac.

The correlation between a number of geometric and flow features, and the resulting flow reduction

achieved by the device was briefly investigated and summarised in figure 4.21.
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Figure 4.21: Plots of Flow Reduction and Geometry Metrics with Spearman’s Rank Correlation Coef-
ficient

The ratio between the outlet and inlet areas of the geometry was chosen as a metric to approx-
imate flow resistance in the geometry. A low outlet:inlet area ratio would imply constriction
of the flow, increased flow acceleration and a large pressure gradient to accelerate the flow,
conditions that are likely to ‘drive’ flow into the aneurysm dome, reducing device effectiveness.

However, no correlation is seen between the ratio of geometry inlet to outlet area and the mean
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flow reduction of the device, as shown in figure 4.21a.

Secondly, a number of metrics were chosen to investigate any correlation between device effec-
tiveness and aneurysm flow that was of a high magnitude or was concentrated in a jet. Previous
studies in the literature have suggested such a link, with Ujiie et al. [146] concluding that an
aneurysm aspect ratio (average aneurysm height / average neck width) greater than 1.6 was

correlated with an increased risk of rupture attributed to flow jetting.

The ‘peakedness’ (defined as the ratio of maximum velocity to mean velocity and similar to the
kurtosis in this case) of the flow profile entering the aneurysm at peak systole with no device is
plotted against peak systole flow reduction due to the device in figure 4.21b. A strong negative
correlation is seen (Spearman’s rank = -0.89) suggesting that aneurysm inflow with a strong
jet reduces the effectiveness of the device. Additionally, the plot of figure 4.21c supports the
assertion made by Ujjie et al. that this flow jetting and aneurysm aspect ratio are correlated,
although a consistent measure of ‘aspect ratio’ is problematic with non-standard aneurysm

shapes like many of the geometries considered here.

The mean aneurysm inflow with no device and the subsequent flow reduction achieved by the
device are plotted in figure 4.21d. Although a weak negative correlation is observed (Spearman’s
Rank=-0.60) the correlation, at least at this small sample size, does not appear consistent across

the BA and ICA geometries.

The results of all of these metric hypotheses must be considered inconclusive given the lack of sta-
tistical significance from such a small sample size (six cases), however, the stronger correlations

observed warrant investigation with a larger data set in the future.

Plots of pressure for each vessel before and after device deployment are shown in figure 4.22 and

figure 4.23.

Across all six geometries, very little change in pressure is seen after device deployment, the
exception being a small increase in inlet pressure after device deployment, corresponding to
the increased resistance to flow in the vessel. Such an increase in inlet pressure is likely to
be sufficiently small to be considered insignificant and not effect device performance or risk
of aneurysm rupture. The large increases in aneurysm sac pressure correlated with aneurysm

rupture, which were observed by Cebral et al. [20] following FD deployment, would not be
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Figure 4.22: BA pressure plots

detected in this study. Such a pressure increase was attributed to the reversal of parent vessel
stenosis, which cannot be modelled when assuming a rigid vessel wall as in the case of the current

study.

As previously discussed, no convergent solution for the ICA 01 geometry was reached for a
steady state simulation of mean parent vessel flow. The steady state simulations of the five other

geometries give similar results to the mean result of the corresponding transient simulations with
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Figure 4.23: ICA pressure plots

the exception of the BA 01 ‘No Device’ and BA 03 ‘With Device’ cases. Both the mean and
maximum aneurysm inflow with no device predicted by the transient simulation of BA 01 are of
note in that they appear non-physical, exceeding the corresponding mean and maximum parent
vessel flow rates. An explanation for this discrepancy and the underlying mechanism causing it

are discussed in detail in the following chapter (chapter 5).

109



4.4 Comparing the ‘Sphere’ to the Performance of a Conven-

tional Flow-Diverter

Current clinical practice would be to treat the aneurysms discussed in the previous section with
either coils or a conventional flow-diverter device (SILK or PED). In many of the aneurysm
geometries discussed, the presence of a wide aneurysm neck would also require the deployment
of a high porosity stent for a stent assisted coiling procedure as conventional coiling would risk

vessel occlusion by coil prolapse.

In this section, the same six aneurysm geometries are virtually implanted with a conventional
flow-diverter to assess the flow reduction achieved by the novel ‘Sphere’ device compared to
a likely clinical alternative. However, bifurcation aneurysms present significantly more clinical
difficulties than sidewall cases, and the treatment of bifurcation aneurysms with conventional
flow-diverters is often seen as a treatment of last resort. [78] Concerns of vessel occlusion following
daughter vessel jailing with a conventional flow-diverter device are detailed in the literature and
were previously summarised in section 4.1. If fears expressed over daughter vessel occlusion are
warranted, the possibility of using the ‘Sphere’ device to treat bifurcation aneurysms, particularly
difficult wide-necked cases such as the BA 01 geometry, without daughter vessel jailing is highly

desirable.

4.4.1 Simulation Setup

The transient flow simulations of section 4.3.2 are repeated with a conventional flow-diverter
implanted into each geometry. The flow-diverter used is almost identical to the commercially
available SILK or PED with the same number of braided strands, strand diameter, pore density,
pore shape, and range of lengths and diameters (see ‘Stent I’ in chapter 3). For convenience,
this custom conventional flow-diverter is referred to as ‘SILK’. Devices are implanted along the
vessel centrelines indicated in figure 4.24, hence all daughter vessels apart from those congaing

the centreline indicated are jailed by the device.

The length and diameter of the implanted device is chosen in accordance with manufacturer

recommendations and virtual deployment is achieved with in-house fast deployment routines
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Figure 4.24: Approzimate vessel centrelines (white dashes) along which the SILK flow-diverter is
deployed for each bifurcation geometry

based on a virtual spring analogy as discussed in the previous chapter. [140] [139]

The resulting geometries are meshed to the fineness level discussed in section 4.3.3, yielding mesh
sizes in the range of 4,700,000-6,470,000 elements. Simulations use the same solver settings,
boundary conditions and time step as those detailed in section 4.3.2, and convergence to five
orders of magnitude is achieved in less than 100 iterations and around 45 minutes for a given

time step, with simulations run on 32, 2.93GHz cores.

4.4.2 Simulation Results

As before, the simulation results are post-processed in CFD-VIEW software with aneurysm inlet

planes identical to those of the previous section defined.

Aneurysm inflow after SILK deployment is shown in figure 4.25, where the average inflow over
the cardiac cycle is indicated is blue and the range of instantaneous inflow is indicated in black.
The range of inflow seen over the cardiac cycle is similar to that seen for the ‘Sphere’ device
(see figure 4.16), but the value of mean inflow is markedly reduced in half of the geometries
(BA 01, BA 03 and ICA 03) implanted with the SILK flow-diverter. The average and range
of percentage flow reduction achieved by the SILK device is displayed in figure 4.26. The

flow-diverting effect of the SILK flow-diverter is broadly similar to that of the ‘Sphere’, but
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Figure 4.25: Aneurysm inflow with conventional flow-diverter device (SILK) implanted

in the BA 01, BA 03, and ICA 03 geometries, the SILK device outperforms the ‘Sphere’ by
approximately 20%. The flow reduction achieved by the SILK shows less variation than that of
the ‘Sphere’; a flow reduction in the range of 50-70% is shown across all six geometries for the

SILK compared to a range of 30-70% for the ‘Sphere’ (see figure 4.17 for comparison.)

The uniformity of the performance of the SILK flow-diverter when compared to the ‘Sphere’
is likely attributed to the action of the SILK, which is to reconstruct the flow into a distinct
cylindrical section (bounded by the flow-diverter) regardless of the anatomical variation around
the aneurysm neck. The flow patterns, and hence subsequent flow reduction, seen post-treatment
with the ‘Sphere’ device are less disrupted and show more natural variation due to differences

in the aneurysm geometries.

Lines tangent to the instantaneous velocity vectors are shown for the SILK device in all six

geometries in figure 4.27 and figure 4.28.

As may be expected, the aneurysm flow patterns are almost identical in the geometries where

very little difference was seen in the flow reduction achieved compared to the ‘Sphere’, namely
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Figure 4.26: Inflow reduction with SILK device

BA 02, ICA 01, and ICA_02. In all three of these cases the ‘Sphere’ device marginally out-
performs the current clinical standard of the SILK offering a slight increase in aneurysm inflow
reduction. In the remaining geometries, BA 01, BA 03, and ICA 03, the SILK device sub-
stantially reduces both the aneurysm inflow and the flow velocity within the aneurysm dome.
Across these three aneurysm geometries the flow patterns within the aneurysm dome after im-
plantation with the SILK also appear more coherent and less chaotic than the flow after the

‘Sphere’ implantation.

In all six geometries the parent vessel flow is substantially more altered by the SILK device, with
a clear ‘core’ of flow seen within the device struts and very little flow with a significant velocity
entering the aneurysm neck. Although such a flow pattern is likely to be highly beneficial to
encouraging aneurysm thrombosis, the resulting reduction in flow of other daughter vessels that
are jailed by the conventional flow-diverters may be a concern. In order to quantify any such
change of flow rate in the jailed daughter vessels, the flow rate in the dominant daughter vessel

of each geometry (the vessel chosen for stenting) is plotted in figure 4.29.
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Figure 4.27: Streamlines of flow (lines tangential to instantaneous velocity vectors) at mean parent
vessel flow rate across the BA aneurysm geometries with a Sphere or a SILK device deployed

From figure 4.29 it appears that although the SILK device alters the local flow pattern more

than the ‘Sphere’, there is no substantial change in the proportion of the flow exiting the stented
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Figure 4.28: Streamlines of flow (lines tangential to instantaneous velocity vectors) at mean parent
vessel flow rate across the ICA aneurysm geometries with a Sphere or a SILK device deployed

daughter vessel after the placement of either device. This in turn implies that the remaining

daughter vessels, which are jailed by the conventional flow-diverter, do not experience a substan-
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Figure 4.29: Mean percentage of inflow leaving the dominant daughter vessel (the vessel selected for
flow-diverter placement) with no device, the SILK, and the Sphere deployed

tial reduction in flow after SILK implantation. The variation in daughter vessel flow rate after
SILK device implantation observed in these simulations is of a similar order of magnitude to
that observed in the literature in-vitro. [144] These results should be viewed with some caution,
as after some time, the formation of neo-intima on the-flow diverter mesh may further reduce
the flow to jailed vessels, causing vessel narrowing or partial occlusion and leading to higher

vessel resistance and subsequent reduction in vessel flow.

Finally, the WSS distributions at maximum flow conditions (peak systole) in the geometries

after implantation with each device are shown in figure 4.30.

In all six aneurysm geometries, virtual treatment with the ‘Sphere’ device results in elevated WSS
values in the aneurysm dome, compared to treatment with the SILK device. Even in cases where
the device flow reduction is similar, such as ICA 01, the WSS distribution within the aneurysm
dome is more elevated after ‘Sphere’ implantation. This suggests that the substantial reduction
in aneurysm velocity magnitude as well as in aneurysm inflow achieved by the implanted SILK

device results in the reduced WSS distributions for the geometries.

In four of the six aneurysm geometries, the WSS patterns within the aneurysm dome are very
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Figure 4.30: Comparing WSS distributions at peak systole (maz flow rate) for all geometries implanted
with the SPHERE and SILK devices

similar after treatment with either device. However, in the ICA 01 and ICA 03 geometries
considerable variation in the aneurysm flow pattern and inlet velocity between the two devices
(see figure 4.28) has resulted in substantially different WSS patterns, with concentrated areas

of high WSS seen in both geometries after implantation of the ‘Sphere.” As was discussed
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previously, this is very surprising in the ICA 01 geometry where the performance of the two

devices is almost identical when considering flow reduction alone.

The same three metrics previously discussed in figure 4.21 are repeated for the geometries with

the SILK flow-diverter implanted and summarised in figure 4.31.

OUTLET (RED):INLET (BLUE) AREA VS. MAX:MEAN ANEURYSM INLET VELOCITY VS
MEAN FLOW REDUCTION SILK FLOW REDUCTION (PEAK SYSTOLE) SILK
80 =60 p*=-0.26
| | '§ | "
= . - 2 .
—q‘% ] . § 40 . ]
&~ 40 a
g 2
B 220
220 E
2
0 = 0
0 0.4 0.8 1.2 1.6 X 0 2 4 6 8 10 12 14
Outlet Area: Inlet Area Max:Mean Velocity (No Device)

(a) Geometry Inlet and Outlet Area Ratio and (b) Ratio of Max:Mean Aneurysm Inlet Velocity
Flow Reduction and Flow Reduction

No DEVICE INFLOW VS FLOW REDUCTION SILK

80
p* =-0.37
]
g60 . . .
3] ]
_g [ ]
51
~ 40
g "BA
[ "ICA
xX20

0 50 100 150 200 250 300
No Device Aneurysm Inflow (ml/min)

(c) No Device Aneurysm Inflow and Flow Reduc-
tion

Figure 4.31: Plots of Flow Reduction and Geometry Metrics

Compared to the same plots for the ‘Sphere’ device shown in figure 4.21, no correlation is
seen between any of the flow or geometry metrics and the subsequent flow reduction of the
SILK device. This lack of correlation is likely due to the strong influence of the SILK device
geometry on the local aneurysm flow pattern after implantation, which then renders any metric
that is based on the flow regime prior to device implantation effectively independent of device

performance. Additionally, the flow reduction achieved by the SILK device is also relatively
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independent of aneurysm geometry; the ‘Sphere’ device produced a range in flow reduction of
approximately 45% across the six geometries, compared to the SILK device with a range of less

than 20%.

4.5 Conclusions

This chapter has summarised the design evolution of a novel device that has been shown to
provide substantial reduction in aneurysm inflow when virtually deployed to treat a number of
patient-specific bifurcation aneurysms. The novel device, the ‘Sphere’, was also compared to
the current conventional flow-diverter device that is widely used clinically. The flow reductions

achieved by the ‘Sphere’ and SILK devices are summarised in figure 4.32.
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Figure 4.32: Aneurysm inflow reduction for both the Sphere and SILK devices
The novel ‘Sphere’ device compares favourably to the current clinical standard, although the
SILK appears more effective in reducing the aneurysm peak velocity and inflow in a number

of aneurysm geometries. The ‘Sphere’ device reduces the inflow into the aneurysm sac without

substantially altering the geometry flow regime. Similar proportions of flow leave each daughter
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vessel before and after device placement, reducing the risk of stroke or other ischemic neurolog-
ical damage. Despite more dramatic changes in local flow regime and velocity following virtual
treatment with the SILK device, the proportion of flow in each daughter also shows little vari-
ation. These findings suggests that the importance of a major design feature of the ‘Sphere’
device, the lack of daughter vessel jailing and risk of loss of patency, may have been overesti-
mated. However, the long-term differences in the performance of the two devices is less clear,
as a risk remains of vessels jailed by flow-diverter struts succumbing to a loss of patency over

time.

Both the ‘Sphere’ and the SILK devices reduce the magnitude of the WSS distribution within
the aneurysm dome as a result of reducing both the aneurysm inflow rate and the peak velocity
of the inflow. In 4/6 of the geometries the aneurysm WSS patterns do not differ substantially
following the virtual deployment of either device. However, in two cases, differences between flow
regime and peak aneurysm inlet velocity after device deployment result in a significantly greater
reduction in WSS for the SILK device. It appears that while the ‘Sphere’ device provides
good reduction of elevated WSS in the aneurysm dome, the device is not as effective as the

conventional cylindrical design of flow-diverter.

Both the ‘Sphere’ and SILK devices show no substantial effect on vessel pressure or pressure

gradient after virtual deployment.

The current study has shown the ‘Sphere’ device to have a good flow-diverting ability in a number
of bifurcation aneurysm geometries. However, significant aspects of the device’s design have not
been analysed: chiefly, the device’s manufacture, deliverability, and the mechanical deformations
experienced by both device and vessel wall that govern device security. Of these elements,
the question of device security and the prevention of unintended migration is of paramount

importance and deserves thorough investigation in the future.
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Chapter 5

Flow Instabilities in the Aneurysm

Dome

In this chapter, a number of inconsistencies between steady state and transient flow simulations
from the previous two chapters are discussed. Patterns of instability seen in the literature are first
discussed in section 5.1. Two geometries from chapter 8 and chapter 4, for which no steady state
solution was found, are examined further in section 5.2, with consistent resonant behaviour seen
in one case. Finally, one geometry from chapter 4 is investigated in section 5.3; two equilibrium
flow patterns are discovered, with one unstable pattern found to decay into the second stable

regime.

5.1 Introduction

In three of the geometries simulated in the previous two chapters a discrepancy has been observed
between the steady state simulations conducted at mean flow rate and the point of mean flow rate
in the corresponding pulsatile simulations. All three of these cases are of aneurysm geometries

with no device implanted, as summarised in figure 5.1.

In two of the cases, the MCA geometry in chapter 3 and the ICA 01 geometry in chapter 4,

IThe work presented in section 5.3 of this chapter appears as part of: T W Peach and Y Ventikos.
Stable, Unstable and Pseudo-Stable Aneurysm Flow Regimes in Steady State and Transient Simulations
(in preparation)
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Figure 5.1: Summary of the results of steady state and transient simulations for the three geometries
discussed (aneurysm inflow rate)

convergence was not reached in the steady state simulations. However, the same meshes did
converge in the transient simulations at mean and maximum flow rates, which suggests that the

lack of convergence in steady state was not due to insufficient mesh resolution.

In the remaining case, the BA 01 geometry in chapter 4, a fully converged solution was found at
mean flow rate in both the steady state and transient simulations, but the flow pattern differed
substantially in each case with a 33% greater aneurysm inflow rate predicted in the transient

simulation.

The predominant suggestion in the literature is that steady state simulations of aneurysm flow
represent a good approximation to the time-averaged behaviour of the corresponding pulsatile
simulations. Studies [72| [142] cite the relatively low Womersley number of cerebral arterial flow
as evidence that aneurysm velocity, pressure, and WSS distributions only vary in magnitude

under pulsatile flow conditions, with no change in flow pattern or vorticity.

The discrepancy observed in the three simulations discussed here would stand in stark contrast
to this assumption and could challenge any conclusions in the literature that have been derived
from steady state simulation results alone. In light of this, in the following chapter, these
three simulations are investigated further and compared to the emerging body of literature

documenting aneurysm flow instability.
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5.1.1 Aneurysm Flow Instability in the Literature

Although these effects have not been widely investigated, there are a number of examples in the

literature that discuss oscillatory behaviour in cerebral aneurysms.

In the study by Chatziprodromou et al. [26], two sacular aneurysms present on the same segment
of the internal carotid artery were simulated with a pulsatile flow profile. It was observed that
one aneurysm was very sensitive to the unsteady nature of the flow; inflow and outflow regions
of the aneurysm changed dramatically in addition to there being large variation in secondary
flow features (cross-flow vectors). The second aneurysm was found to be highly insensitive to

flow pulsatility, with little change in inflow and outflow regions observed.

Baek et al. [7] performed a transient flow study on a number of aneurysms across three patient-
specific artery geometries with varying flow rates. Instabilities were observed in the deceleration
phase of the flow profile, giving rise to oscillations in the 20-50Hz frequency range. The onset of
this instability was found to vary across the different geometries but occurred at physiologically
normal flowrates in 2/3 of the geometries. These oscillations were seen in velocity as well WSS
magnitude and direction, with the greatest instability observed at points of flow impingement.
Despite the instabilities observed, no significant change was seen in the global flow pattern within

the aneurysm dome (vorticity, inlet and outlet regions etc.).

Finally, in a number of publications, Valen-Sendstad et al. also elucidated the presence of flow
instability in aneurysms with the use of ultra-high-resolution computations. [148] [147] [150]
Instabilities in velocity and WSS in the 1-500Hz range were observed, also corresponding to the
deceleration phase of the cardiac cycle. Transient simulations conducted with stationary inflow
conditions also showed the emergence of flow oscillations in a number of aneurysm geometries,

specifically in bifurcation aneurysms and not sidewall cases.

5.2 Lack of Convergence in Steady State

As previously discussed, no convergence is seen after 2,000 iterations for steady state simulations
at mean flow rate for either the MCA or ICA 01 geometries. However, the simulations do

not diverge, but instead they ‘plateau’ with subsequent solver iterations failing to reduce the
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simulation residuals to the specified criterion (5 orders of magnitude.) The lack of convergence
in steady state with little residual reduction implies a flow regime within the geometry that
varies in time, despite boundary conditions that do not. Such a condition could be met in one

of two ways:

1.) No steady state solution exists: the flow pattern within the aneurysm is unstable with flow

that oscillates at a resonant frequency or mixes chaotically.

2.) Multiple steady state solutions exist: the flow pattern within the aneurysm is unstable and
alternates randomly between multiple flow regimes that all satisfy equilibrium. In this case, no
one flow configuration is more energetically preferable than any other or the energetic preference
is so marginal that many solution iterations are needed to damp other regimes and resolve a

single stationary solution.

Both of these hypotheses are tested in the following simulations.

5.2.1 Simulation Setup

The MCA and ICA 01 geometries are both simulated as a transient simulation with constant
mean inflow rates (120ml/min and 230ml/min respectively). All other solver parameters (second
order schemes in time and space for minimal dissipation) and boundary conditions are unchanged
from the setup in chapter 3 and chapter 4. Running a transient simulation in this manner with
constant inflow rate allows the development of aneurysm flow pattern to be observed in addition
to any emerging instabilities, as detailed by Valen-Sendstad et al. [150] A time step of 0.01
seconds is used, and all time steps have a convergence criterion of five orders of magnitude

residual reduction.

Additionally, the steady state simulations of the MCA and ICA 01 geometries are also repeated
but allowed to run for up to 10,000 iterations (5x longer than in previous steady simulations.)
Allowing a large number of solver iterations may then lead to the isolation of the most stable
stationary flow regime, as suggested in the second point of the previous section, which may have
not been possible in the maximum 2,000 solver iterations of the standard steady state solutions

discussed in chapter 3 and chapter 4.
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5.2.2 Results and Discussion

5.2.2.1 MCA Geometry

The transient simulation is run on 16 processors with a solution time around 20 minutes per
time step and convergence typically achieved in less than 150 iterations per time step. A monitor
point is seeded in the approximate centre of the MCA geometry aneurysm dome and close to
the main jet of flow entering the aneurysm. The corresponding velocity magnitude at this point

and its variation in time for the transient simulation is plotted in figure 5.2.
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Figure 5.2: Significant oscillations are seen in the velocity magnitude of flow within the aneurysm dome
at a constant inflow rate

In the figure, early transient behaviour can be seen with erratic variation in velocity for the
first 0.5 seconds of the simulation, corresponding to approximately 15 ‘low-throughs’ based
on the arterial bulk flow rate. After 0.5 seconds, a distinct pattern emerges with the velocity
magnitude oscillating between a minimum and maximum value of approximately 0.4ms~! and
0.75ms~ !, at around 10Hz. These velocity oscillations continue for the remaining 1.50 seconds of

the simulation with a low rate of decay, if any. These fluctuations correspond to the oscillation
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of the jet of flow entering the aneurysm as shown in the cross-sectional, velocity magnitude

contour-plots also included in figure 5.2.

MCA ANEURYSM DOME VELOCITY

FOURIER DECOMPOSITION
0.15 -
0.1 -
>
>
0.05 |
0 T T T 1
0 10 20 30 40 50
Frequency (Hz)

Figure 5.3: Fourier decomposition plot for the indicated portion of the oscillating velocity magnitude
plot shown in figure 5.2

A Fourier decomposition of the consistent oscillations seen in figure 5.2 is shown in figure 5.3.
The significant peak in the plot at around 10Hz confirms the dominance of the 10Hz signal clearly
visible in figure 5.2, but the plot also shows an additional harmonic component in the velocity
oscillations at around 20Hz. Higher frequency oscillations may be present in the oscillations
but remain undetectable due to the simulation time step size limiting the maximum detectable
frequency to 50Hz. Although other studies in the literature have suggested the emergence of
oscillations with a frequency of up to 500Hz, most recorded cases have fallen in the 1-50Hz

range. [7] [148]

Experimental studies performed on the same aneurysm geometry (MCA) at a similar flow rate
show almost identical behaviour. Figure 5.4 illustrates two flow regimes observed experimentally
from PIV analysis. The jet of flow entering the aneurysm dome oscillates, moving in and out of

the plane shown. Visual, frame-by-frame inspection of the video recordings from the experimen-
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Figure 5.4: Two distinct flow regimes observed in a particle image velocimetry (PIV) study of the
MCA geometry at mean flow rate. Image credit: Dr. Jianhua Zhai

tal study reveal a dominant oscillation of around 5Hz. The presence of similar oscillations in the
PIV analysis confirm that the simulated flow oscillations seen are not the result of numerical

instability or mesh quality.

It appears that this resonance oscillatory behaviour of the aneurysm inflow jet results in the lack
of convergence in steady state as no stable, stationary flow regime may be found in the aneurysm
dome. Finally, the steady state simulation of the MCA geometry is re-run but no convergent
solution is reached after 10,000 iterations; reinforcing the assumption of an unstable and non-

stationary flow regime within the aneurysm dome, despite stationary boundary conditions.

5.2.2.2 ICA 01 Geometry

Transient simulations are run on 16 processors with a full convergence at each time step achieved
in around 20 minutes and typically in less than 100 iterations. As in the previous section, a
monitor point is seeded in the ICA 01 geometry close to the main jet of flow entering the

aneurysm dome. The variation in velocity magnitude at this point is plotted in figure 5.5.

Unlike the previous graph for the MCA geometry, figure 5.5 shows the flow distribution in the
ICA 01 aneurysm dome quickly settling upon a stable configuration. A small degree of initial
transient mixing persists for approximately 0.1 seconds (around three ‘flow-throughs’) but this
quickly subsides with convergence onto a stationary flow regime. The rapid rate of convergence
seen in figure 5.5 suggests that any instability leading to a lack of convergence in steady state is

unlikely to be located in the main aneurysm dome. However, the method of seeding a monitor
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Figure 5.5: No significant oscillations are seen for the ICA 01 geometry

point adjacent to the main inflow region of the aneurysm only allows the stability of the overall

jet to be monitored; small areas of instability may remain undetected.

The steady-state simulation of the ICA 01 geometry is repeated, reaching convergence to five
orders of magnitude residual reduction in approximately 2800 iterations. The resulting flow
regime and aneurysm inflow rates for the steady state and transient solutions are summarised

in figure 5.6.

STEADY STATE TRANSIENT (STATIONARY)
53.3 ml/min 53.1 ml/min

Figure 5.6: Steady state and transient (stationary boundary conditions) simulations of the ICA 01
geometry with no device deployed, and corresponding aneurysm inflow rates

It appears that the lack of steady state convergence seen initially in the ICA 01 geometry in
chapter 4 can actually be attributed to a very slow rate of convergence. The large number of

iterations (some 2800) required to reach convergence of the flow field in steady state suggests
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that localised instability or high velocity gradient may be dramatically slowing convergence,
but any such instability decays in a few thousand iterations at steady state. The relatively
small vessel diameters in the ICA 01 geometry combined with the large ICA flow rate result
in maximum velocities of up to 1.06ms™! at mean flow. This value is higher than in any other

geometry simulated in this study, and may contribute to the very slow convergence rate.

5.2.3 Conclusions: Lack of Convergence in Steady State

Two distinct cases of lack of convergence in steady state have been explored. In one case, a
convergent steady state solution was subsequently found, with the initial lack of convergence
attributed to a very slow rate of convergence linked to either under-damped local instability or
large local velocity gradients. In the second case, sustained flow oscillations have been observed
in the aneurysm dome, despite stationary boundary conditions, which suggests that no steady
state solution exists at such a flow rate in the geometry. However, in both of these geometries
fully convergent transient flow solutions with pulsatile inflow were found with relative ease, as
detailed in chapter 4. As such, it is unclear whether the resonant behaviour seen in the MCA
geometry is an unusual anomaly or whether it may be indicative of a underlying flow mechanism

contributing to rupture risk.

Aside from the emergence of consistent oscillatory behaviour, the dissipation rate of initial
transient effects also varied considerably between the two geometries; erratic transient effects
subsided in approximately three ‘low-throughs’ for the ICA 01 case but remained for around 15
‘flow-throughs’ in the MCA case, before giving way to coherent oscillations. For context, a similar
study (transient analysis with stationary boundary conditions) by Valen-Sendstad et al. [149]
classified aneurysms as either stable or unstable depending on whether or not initial transient
effects persisted after five ‘flow-throughs.” For the 12 aneurysms studied, 100% of unruptured

cases were classified as ‘stable’ while 71% of ruptured cases were considered ‘unstable.’
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5.3 Variation Between Steady State and Transient Solutions

As summarised in figure 5.1, the pattern of behaviour seen for the BA 01 geometry is quite
different to the previous two cases; a convergent steady state solution to the flow regime was
found, but the regime is radically different to that predicted at mean flow rate in the transient

simulation. This effect is illustrated in figure 5.7 and figure 5.8.

120ML/MIN STEADY STATE

NoO DEVICE WITH DEVICE

0 0.50

Figure 5.7: Steady state simulation of BA_ 01 with and without a ‘Sphere’ device

For the steady state prediction (figure 5.7), flow in the aneurysm dome with no device deployed is
dominated by a jet impingement zone and a single vortex. The impingement area falls squarely
in the smaller of the two lobes that make up the aneurysm dome. After the initial impact, the
flow either quickly exits the aneurysm in the left-hand portion of the dome, or circulates in the
larger lobe of the aneurysm in the right-hand portion. This movement sets up a helical vortex

pattern within the aneurysm dome rotating about the axis indicated in figure 5.9(left).

In the transient case with no device deployed (figure 5.8), the overall flow structure in the
aneurysm dome is similar: a single impingement zone concentrated on the smaller lobe and a
slower speed vortex circling in the larger lobe. However, the direction of this vortex is aligned

perpendicular to that produced in the steady state simulation, as shown in figure 5.9. This flow
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120ML/MIN TRANSIENT (MEAN FLOW)

NO DEVICE WITH DEVICE

0 0.50

Figure 5.8: Steady state simulation of BA_ 01 with and without a ‘Sphere’ device

Steady Simulation (Mean Flow) Transient Simulation (Mean Flow)

Figure 5.9: Approxzimate vector directions of the circulation within the aneurysm dome of BA 01 with
no device in both steady state and transient simulations

pattern observed at mean flow rate in the transient simulation persists throughout the cardiac

cycle, clearly showing a clockwise circulation at all flow rates as shown in figure 5.10.

It should be noted that little difference is seen between the steady and transient simulations with

the ‘Sphere’ device deployed, as indicated in figure 5.7 and figure 5.8. There is also little variation
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TRANSIENT— NO DEVICE

MIN (105ML/MIN) MEAN (120ML/MIN) MAX (180ML/MIN)

0 0.50

Figure 5.10: Confirmation of the same flow pattern throughout the cardiac cycle for the BA_ 01 geom-
etry with no device deployed

in the predicted mean inflow rates for the two cases, at 86ml/min and 90ml/min respectively.
Steady state simulations were not conducted for the same geometry with the conventional SILK

flow-diverter deployed, and so no further comparison is possible.

The result of the slight change in flow pattern within the aneurysm dome for the ‘No Device’
case is dramatic. The effect of the discrepancy is to produce a predicted average aneurysm inflow
that is 33% greater in the transient simulation when compared to the steady state simulation.
Additionally, the predicted average aneurysm inflow in the transient case, 137ml/min, at first-
sight appears non-physical, as it exceeds the average parent vessel inflow rate of 120ml/min.

The cause of this seemingly non-physical inflow appears to be a region of recirculation.

The transient ‘No Device’ simulation of BA 01 (figure 5.8) reveals recirculation behaviour in
the right-hand portion of the aneurysm dome with flow both exiting and re-entering the plane
defined at the aneurysm neck. This behaviour is not present in the steady state flow regime,
shown in figure 5.7. In the steady case, the helical vortex that transports flow out of the
right-hand portion of the aneurysm encourages flow that only exits the aneurysm in this region
and immediately moves towards a daughter vessel outlet, as shown in figure 5.11. However,
the recirculation seen in the transient case results in flow re-entering the aneurysm dome for a

second time adjacent to the original inflow jet. This secondary inflow leads to an increase in
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Figure 5.11: Indications of the approzimate flow regime within the BA 01 geometry for steady state
and transient flow simulations at mean flow rate. Clear recirculation is seen in the transient case with
flow exiting and reentering through the aneurysm neck (dashed line)

total aneurysm inflow of the order of 17ml/min and results in the seemingly non-physical average
aneurysm inflow rate of 137ml/min (114% of parent vessel flow) for the transient simulation.
Details of this recirculation behaviour and the variation in flow regime between steady state and

transient simulations are shown in figure 5.11.

The source of such a discrepancy in flow regime between the steady and transient simulations is
not immediately clear. However, as previously discussed, once the ‘Sphere’ device is deployed in
the aneurysm geometry, the difference between the steady and transient simulations is almost
undetectable. Given the substantially reduced aneurysm inflow following device deployment, and
the corresponding lower flow velocity and flow momentum in the aneurysm dome, the different
flow regimes in the ‘No Device’ case may be momentum dependent. The vortex pattern for the
steady ‘No Device’ simulation is similar to the lower momentum flow pattern seen after device
deployment; the vortex pattern of the transient ‘No Device’ case may correspond to a higher
momentum regime, where the mean flow regime is dominated by the higher flow rate portions

of the cardiac cycle.

To interrogate this hypothesis, a number of simulations are conducted. Steady and transient
simulations are run with stationary boundary conditions corresponding to the conditions at peak

and mean flow rate across the BA cardiac cycle. It is suspected that two distinct flow patterns
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will emerge: one corresponding to lower aneurysm dome momentum and one to higher aneurysm

dome momentum.

5.3.1 Simulation Setup

Steady state simulations at both mean and peak flow rate are conducted with the same solver
parameters as detailed in section 4.3.2 of chapter 4. Additionally, transient simulations are run
with stationary boundary conditions corresponding to mean and maximum flow rates, as detailed
in section 4.3.2, for a total of 200 time steps corresponding to 2 seconds of flow realtime. Both
sets of simulations are run on 16 cores and with a convergence criterion of 5 orders of magnitude

residual reduction.

5.3.2 Results and Discussion

The steady state simulations at both mean and maximum flow rate converged to the specified
criterion in around 10 hours and 1800 iterations. The corresponding flow regimes predicted in

the aneurysm’s dome are shown in figure 5.12.

STEADY STATE SIMULATIONS

MEAN FLOW MAxX FLow

0 0.50

Figure 5.12: Steady state simulations at mean and maximum flow rate
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The steady state solutions clearly show the two different flow regimes: a slower, helical vortex
structure at mean flow rate and a faster vortex rotating in the perpendicular direction for

maximum flow rate.

Each time step of the transient simulations converged in around 80-100 iterations, taking ap-
proximately 30 minutes per time step. The evolution of the velocity magnitude at a monitor

point in the aneurysm dome is shown for mean and maximum flow in figure 5.13 and figure 5.14

respectively.
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Figure 5.13: Comparing steady and transient velocity at mean flow to the development of a transient
solution with stationary boundary conditions. Corresponding flow regimes are also indicated.

Figure 5.13 details the transient evolution of flow within the aneurysm dome under stationary
conditions corresponding to mean flow rate. From the plot it is clear that two flow regimes exist.
Although both of these regimes satisfy equilibrium, one regime (A) is unstable and features a
helical vortex pattern, while the second regime (B) is stable with a vortex rotating in the

perpendicular plane.

The first, unstable equilibrium configuration (A) is similar to the steady state solution at mean

flow (C), but the slight variation in the axis of rotation between (A) and (C) leads to the
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Figure 5.14: Comparing steady and transient velocity at mazximum flow to the development of a transient
solution with stationary boundary conditions. Corresponding flow regimes are also indicated.

velocity discrepancy seen in the plot of figure 5.13. This initial flow regime, (A), persists for
around 0.2 seconds (around 6 ‘flow-throughs’) before instability occurs. The instability gives
way to the second, stable equilibrium configuration (B) that resembles the flow regime seen at
mean flow rate in the transient case (D). This second regime appears to be associated with

increased velocities and flow momentum in the right-hand lobe of the aneurysm dome.

The corresponding velocity evolution for the same point under maximum flow conditions is shown
in figure 5.14, where a single, stable equilibrium flow regime is quickly converged upon. The
flow regime at maximum flow rate for the transient simulation under stationary conditions (A),
steady state simulation (B), and transient simulation (C), all appear identical. This common
flow regime resembles the stable case at mean flow rate ((B) in figure 5.13), with a single vortex

rotating clockwise in the aneurysm dome.

From figure 5.13 it appears that there are two possible flow regimes that co-exist in the BA 01
aneurysm geometry, these rival regimes are both shown in figure 5.12. One regime is unstable and

persists under conditions of low flow momentum in the right-hand portion of the aneurysm dome.
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The other regime is stable and corresponds to increased flow momentum in the same location.
Although unstable, this first regime would likely be the first equilibrium state encountered by
a flow solver that is given an initial condition of zero flow, as in the case of the steady state
simulation at mean flow rate. Given the similarity between the mean flow, steady state regime
predicted and the unstable stationary regime, (A), it appears that the steady state convergence

criterion is met before instability occurs.

5.3.3 Conclusions: Steady State and Transient Inconsistencies

An initial discrepancy between the flow regime for a specific aneurysm predicted by steady state
and transient simulations has revealed multiple steady state flow solutions. Although both an
unstable and stable flow regime were highlighted, it has been shown that full convergence may
be reached in steady state for the unstable regime. This behaviour has not been documented in
the literature to date and depending on its generalisability, it may present a serious challenge to
the validity of representing time-averaged transient behaviour of blood flow in aneurysms with
steady state analyses. In the BA 01 aneurysm geometry discussed, this variation in flow regime
has been shown to underestimate the true aneurysm inflow rate by 25% for the steady state

solution.

5.4 Conclusion

In this chapter three patient-specific aneurysms have been discussed that challenge the conven-
tional wisdom that steady state flow simulations accurately represent time-averaged transient
simulations in the cerebral vasculature. Of the three geometries, one case was found to simply
exhibit very slow convergence in steady state, but the remaining two cases both showed time-
dependent flow behaviour under stationary boundary conditions, which has not been reported

in the literature to date.

The implications of these flow phenomena on the hemodynamic and biochemical environment
of an aneurysm dome both pre- and post-treatment by flow-diverter are entirely unknown.

It is also unknown how representative the geometries discussed here may be of the general
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population of cerebral aneurysms. As both of the aneurysms that exhibited unstable behaviour
are wide-necked, a more comprehensive study is needed to determine whether such behaviour is

generalisable, or very rare and limited to these select cases alone.

Much of the behaviour seen in these three aneurysm geometries supports the cautious conclusions
of Valen-Sendstad et al. [147], which suggested that many important but subtle flow-effects may
be masked in the body of CFD simulations in the literature due to poor spatial and temporal

resolution and the use of overly dissipative solvers.
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Chapter 6

Development of a Virtual Contrast

Model

In this chapter, an in-silico model of angiographic contrast agent transport is developed. Examples
of similar models in the literature are discussed in section 6.1, along with the limitations of
such models, specifically focussing on contrast viscosity and density. A methodology for in-vivo
verification of contrast residence is introduced in section 6.2, with in-vivo contrast decay of a
porcine aneurysm model calculated in section 6.3. An in-silico model of contrast transport is set
up in section 6.4 and compared to the in-vivo gold standard in section 6.5. Finally, the influence
on the model of contrast density and viscosity, as well as parent vessel flow rate, are quantified

in section 6.6 and section 6.7 respectively.!

6.1 Introduction

6.1.1 Motivation: the Need for a Virtual Contrast Model

The focus of the vast majority of the literature in the field, and this thesis thus far, has been to
investigate ‘surrogate’ measures for successful obliteration of an aneurysm after treatment with a

flow-diverter. As previously discussed in chapter 2, the precise mechanisms leading to successful

!The work presented in this chapter appears as part of: T W Peach et al. In-vivo Validation of a
CFD Virtual Contrast Model (in preparation)
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aneurysm occlusion are poorly understood, but appear to be flow-dominated. [20] [112]

Conventional ‘surrogate’ measures such as aneurysm flow rate, mean and maximum inlet ve-
locity, WSS, WSSG, OSI and GON are all calculated from in-vitro and in-silico studies in
the hope of striking upon a variable, often in the absence of any clear mechanism, that might
govern thrombus formation. The rationale supporting a correlation between some of these mea-
sures and treatment success is reasonable: reduced flow and velocity are assumed to promote
increased aggregation of platelets and thrombin, leading to a likely increase in thrombus pro-
liferation. However, the importance of other more complex measures remains little more than

conjecture.

A major limitation of the development of a hemodynamically driven thrombus formation model
is the lack of a method to accurately measure these ‘surrogate’ indices under realistic conditions.
On one hand, in-vitro and in-silico simulations with high spatial accuracy, fail to capture the
complex biochemical nuances of the hemodynamic environment, and conversely, accurate mea-

surement of such metrics is impossible in fully biochemically consistent in-vivo studies.

Limited methods do exist that can begin to verify simpler flow metrics in-vivo; the velocity
and flow rate of blood in vessels may be estimated with MR imaging to a good degree of ac-
curacy. [162] However, the validity of measuring more complex hemodynamic variables with
MR techniques is questionable, as current MR imaging is undermined by a lack of resolution
with relatively small numbers of voxels (around 5-10) spanning a vessel cross-section. [118] The
effect of this under-resolution is exaggerated in the complex flow environment of the aneurysm
dome, where there is no fixed flow direction, areas of vorticity are common, and large tem-
poral variations may be experienced. The direct measurement of more sophisticated hemody-
namic variables, such as WSS and other vector-based measures, is completely impossible by
MR techniques without at least an order of magnitude increase in both spatial and temporal

resolution. [34]

Angiography is currently the only imaging technique with the temporal and spatial resolution to
begin to accurately infer the flow conditions experienced within the aneurysm dome in-vivo. As
a result, all attempts to verify computationally simulated aneurysm flow patterns with in-vivo

behaviour have inevitably focussed on the means of visualising blood flow angiographically: the
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transport of contrast agent.

6.1.2 Contrast Transport Models in the Literature

A brief survey of virtual contrast models that have been proposed in the literature is summarised

below.

Ford et al. 2005 [47] Methodology: A quantitative comparison between clinical (2D, 2fps)
and virtual angiography. Contrast is modelled as an independent scalar. Bolus injections are
modelled as both a idealised ‘rectangular’ function and a profile fitted to angiographic data. Inlet
boundary condition are based on MRI data of age and sex matched volunteers, and modified to
account for contrast injection rate. Results were visualised using 3D x-ray projection software
and mapped into 2D. Conclusions: The best agreement between results was seen using the
angiographically derived bolus profile. The aneurysm contrast decay predicted was accurately
fitted to an exponential profile. Inaccuracies were attributed to not modelling contrast-blood
density and viscosity mismatch, but these concerns were largely eliminated by heavily diluting
the experimental contrast agent. It was shown that the contrast injection perturbed normal

blood flow, suggesting that angiographic imaging may not represent normal conditions.

Cebral et al. 2007 [22] Methodology: A qualitative comparison between clinical (2D, 7.5fps) and
virtual angiography. An injected bolus of dye was modelled as an independent scalar quantity,
with an inlet profile inferred from angiography. Average vessel flow rates were assumed at the
inlet. Virtual angiograms were aligned into a similar orientation as the clinical angiography,
and the results inspected visually. Conclusions: Good correspondence was seen between major
aneurysm flow features, approximate aneurysm fill and washout rates and areas of vorticity. The
greatest discrepancy between virtual and real angiography was attributed to not modelling the

density and viscosity differences between blood and contrast.

Sadasivan et al. 2009 [131] Methodology: A quantitative comparison of angiography from a
rabbit model (2D, 30fps, pre- and post- FD implantation) and a previously developed [132]
analytical model of contrast washout. An angiographic washout factor was proposed, which
was correlated with aneurysm thrombosis at 6 months follow-up. Conclusions: A reduction in

contrast washout curve amplitude and an increase in decay time constant were seen after stent

141



implantation. Reduced contrast infiltration and time constant increase were linked to more

successful aneurysm thrombosis.

Endres et al. 2012 [43] Methodology: A quantitative comparison between clinical (2D, 30fps)
and virtual angiography. Contrast was modelled as an independent scalar. Bolus injection
was matched to heart state (position in cardiac cycle) and the bolus profile was matched to
angiography. The inlet boundary condition period was matched to angiographic heart rate, and
inlet flow rate was matched to angiographic contrast residence. Results were visualised using
3D x-ray projection software and mapped into 2D. Conclusions: Good correspondence was seen
between clinical and simulated results. The importance of matching bolus injection point in the
cardiac cycle is stressed, with large variation in contrast decay seen otherwise. The greatest

errors in predictions are attributed to not modelling contrast viscosity and density.

Jou et al. 2012 [68] Methodology: A quantitative comparison between simulated aneurysm
inflow and aneurysm inflow derived from clinical angiography (2D, 30fps). Mean flow rates
are used for inlet boundary conditions. Conclusions: Correlation between results is good, but
the CFD model consistently underestimates aneurysm inflow by 20%. Error was attributed to

variations in density and viscosity of the blood/contrast that were not modelled in-silico.

Across the models in the literature, three factors emerge that appear to account for the majority
of inaccuracies in in-silico models: blood/contrast density mismatch, blood/contrast viscosity

mismatch, and instantaneous flow rate at the contrast introduction.

6.1.3 Proposed Contrast Model

In this chapter, a virtual contrast model is proposed that may be easily appended to transient
CFD simulations. The basis of the model is to approximate angiographic contrast medium as
an independent scalar quantity that is introduced at the geometry inlet boundary condition,
similar to the injection of a dye. Initially, the scalar quantity is assumed to have the same
viscosity and density as the simulated blood, but the effect of varying viscosity and density is
explored. Finally, the effect of both inlet boundary condition flow rate and the presence of a
catheter in the vessel lumen are investigated. The model is validated with in-vivo angiography

from a porcine study.
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6.2 The Basis of In-vivo and In-stlico Contrast Validation

When comparing actual and predicted contrast washout we are confronted with an inconsistency:
in-vivo data consists of angiographic pixel grayscale values representing the indirect measurement
of contrast concentration projected into the 2D plane, while simulated results comprise absolute
concentrations of virtual contrast medium distributed in 3D. Although the projection of the 3D
virtual contrast distribution into the same 2D plane as the angiography is trivial, the correlation

between absolute contrast concentration and grayscale value is more problematic.

Figure 6.1: Variation of contrast concentration with angiographic grayscale value experiment results

The grayscale value seen in an individual angiographic pixel is the result of attenuation of the
x-rays by contrast or surrounding tissue or bone. As a result of the subtraction phase of digital
subtraction angiography (DSA), higher density regions, such as bone and contrast, appear dark,
and lower density soft tissue appears light. Although the grayscale value of a pixel will be
proportional to the local contrast concentration (more contrast will attenuate more radiation,
resulting in a darker pixel), the relationship is complex and highly non-linear. It is also unclear
if any post-processing (smoothing, contrast enhancement, rescaling of the dynamic range etc.)
of the x-ray image occurs with software onboard the imaging unit; the effect such manipulation
may have on the correspondence between contrast concentration and the corresponding pixel

value may be substantial.

There are examples in the literature of full 3D calculations reconstructing angiography from

inferred x-ray attenuation models interacting with contrast media. [47] [43] However, in the
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interest of reducing computational complexity and creating a contrast model that can be incor-
porated into even basic angiography, a simple mapping of contrast concentration to angiography
grayscale value is investigated in this case. A calibration experiment is performed whereby
a number of 5ml syringes are filled with a mixture of saline and Omnipaque’™ 240 contrast
medium corresponding to contrast concentrations of 0-50%. These syringes are then placed
between two 1000ml bags of saline (to provide background x-ray absorption similar to soft tis-
sue) and imaged with DSA protocols typical for adult cerebral/neck vessels. The resulting 2D

angiographic image is shown in figure 6.1 .

0% 10% 20% 30% 40% 50%

Figure 6.2: Calibration Card

There is clear differentiation between the grayscale values across the different concentrations.
A windowed sample of the grayscale values of each syringe is taken from figure 6.1, as show
in figure 6.2, and the mean grayscale value is plotted against contrast concentration in fig-

ure 6.3.

There appears to be a linear relationship between contrast concentration and grayscale value.
It is likely that the very high density of the contrast (specifically the high electron-density of
the iodine) results in very large relative changes between contrast concentrations, rendering any

non-linear effects insignificant.

The plot suggests that once the background grayscale values of the angiography are subtracted
entirely, the grayscale value of a pixel is linearly proportional to the contrast concentration.
Hence, plots of variation in grayscale value of angiography can be considered analogous to plots

of relative contrast concentration.
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Figure 6.3: Calibration Graph

6.3 In-vivo Experiment

In order to assess the accuracy of the proposed virtual contrast model the simulation must
be compared to an in-vivo aneurysm. The variability of the size, shape, and flow conditions
of clinically presented cerebral aneurysms do not make them ideal test cases for investigating
such a contrast model in the first instance. Instead, an animal model is proposed whereby
a number of identical sidewall aneurysms may be created surgically, imaged, and treated by

flow-diverter.

The target artery diameter (approx. 4mm), heart rate (70-80BPM resting), total cardiac output
(approx. 6L/min) and animal size (60-70Kg) make the porcine model a good approximation
to the flow conditions typical of a human internal carotid artery (ICA). The alternative to the
porcine model, the rabbit-aortic-arch aneurysm model, has a heart rate closer to 200BPM and
risks turbulent transition and high Womersley number effects such as flow reversal, which are

not seen in the human cerebral circulation.

All animal experiments discussed in this study were performed by James Byrne and Rafik
Rizkallah (Nuffield Department of Surgical Sciences, University of Oxford), assisted by Zhong

You, Jiayao Ma and Thomas Peach (Department of Engineering Science, University of Oxford).
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All experiments were performed following Oxford University ethics board approval and with fi-

nancial support from the Wellcome Trust and EPSRC under grant number WT 088877/Z/09Z.

6.3.1 Experimental Methodology

6.3.1.1 Experiment

Experimental aneurysms are created in a porcine animal model using two, female large white
pigs of 60-65 kgs. Each sidewall aneurysm is formed surgically by vein graft using the jugular
vein cut at 45 degrees forming an anastomosis on the common carotid artery (CCA) with
continuous 8/0 stitching. One aneurysm is formed on each CCA in two animals giving a total
of four experimental aneurysms of near identical size and shape. The CCA is observed to have
a diameter of around 4mm in both animals and the resulting sidewall aneurysms had a 5mm
diameter, 15mm length and 7mm neck diameter. After creation, the aneurysms are allowed to
heal for three weeks to allow for any local swelling to dissipate and for endothelialisation at the
anastomosis site to stabilise. Both animals are given Aspirin and Clopidogrel as anti-platelet
therapy following the surgical procedure to reduce spontaneous thrombosis and risk of ischemia,

as would be standard practise in the clinical setting.

Figure 6.4: Experimental aneurysm: aneurysm at surgical creation by vein graft of the CCA(left), 2D
angiography showing aneurysm in-vivo 3 weeks post-creation(centre) and 8D STL reconstruction of the
aneurysm from 3D rotational angiography 3 weeks post-creation(right)

An aneurysm at surgical creation is shown in figure 6.4 (left). A catheter is inserted into
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the femoral artery and angiography performed; 3D rotational angiography is used to accurately
reconstruct the vessel and aneurysm geometry while 2D angiography is used to verify the patency
of each aneurysm and observe angiographic contrast washout in the aneurysm dome. The 3D
rotational runs are performed at a rotation speed of 20 degrees a second with a 20ml contrast
injection, and the 2D runs are conducted at 7.5 frames per second with a 10ml contrast injection.
A 2D angiographic image showing aneurysm patency with contrast filling the dome is shown in

figure 6.4 (centre.)

Figure 6.5: Contrast residence in an experimental aneurysm, each image is separated by a time interval
of 0.4 seconds

6.3.1.2 Postprocessing

DICOM post-processing is completed in OsiriX, where 3D geometries are segmented using the
default segmentation algorithm, and the resulting vascular surfaces are exported as .STL files.
A 3D reconstruction of an experimental aneurysm is shown in figure 6.4 (right). Good cor-
respondence is seen between the measured vessel and aneurysm size at surgical creation and
the 3D reconstruction created from angiography three weeks post-creation. A small degree of
thrombosis occurred in all four experimental aneurysms at the distal tip of the aneurysm dome
in the area of the vein ligation; this is to be expected and results in a more clinically realistic

smooth hemispherical aneurysm tip, rather than a sharp point.

Visually, the flow patterns between the four experimental aneurysms appear identical, with flow
entering the aneurysm neck distally and circulating around the whole aneurysm dome, forming
one large vortex. Typical flow can be seen in figure 6.5, where each DICOM image is separated
by 0.4 seconds. The presence of flow recirculation results in contrast remaining in the aneurysm

for 3-4 seconds after all contrast has left the parent vessel.
The 2D angiography DICOMSs are exported as .tiff files and later segmented in Matlab (Math-
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Figure 6.6: Segmentation of the aneurysm dome in 2D angiography

Works, Natick, MA). A segmentation window isolating the aneurysm dome from the parent
vessel is created manually for each experimental aneurysm, as shown in figure 6.6 (left), and
the mean grayscale value in the aneurysm dome is calculated for each DICOM in the time

series.

6.3.2 In-vivo Results

The variation in time of the mean grayscale value in the aneurysm dome for each experimental
aneurysm is plotted in figure 6.7. In each case, the mean grayscale value is normalised by the
maximum mean grayscale seen in each geometry. The curves are presented with the background
grayscale value (from the aneurysm with no contrast present) subtracted, and hence the grayscale
value at a given time point is the result of contrast alone. As previously discussed in section 6.2,
the approximately linear correspondence between grayscale value of a 2D DICOM pixel and
the corresponding contrast concentration within the aneurysm, projected into the plane of the
DICOM, allows for the plots of figure 6.7 to be considered analogous to aneurysm contrast

concentration curves.

The plots in figure 6.7 show a similar contrast concentration curve shape to other studies. [43]
A high rate of contrast infiltration is clearly visible, followed by a lower contrast decay rate that
appears approximately exponential, suggesting the contrast decay is dominated by convective
transport. Some variation can be seen across the four curves, which may be due to a number of

factors: variation in contrast injection speed; variations in flow speed at the time of injection,
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Figure 6.7: Contrast washout curves for the four experimental aneurysms

depending on the position in the cardiac cycle; differences in parent vessel blood flow rates

both between left and right CCAs in each animal and between the two animals; and finally,

variations in actual aneurysm size. However, all of these effects appear small, as the shape and

scale are fairly constant across all four plots. The curves are easily split into two parts: firstly,

contrast enters the aneurysm from the parent vessel at a high rate for the first 0.8-1.0 seconds

(approximately one heart beat), and secondly, the contrast level then peaks before beginning to

fall, as the contrast washes-out of the aneurysm at a much lower rate than it entered, falling to

approximately 25% of the peak value in a further 2.0 seconds. The volume of contrast remaining

in the aneurysm two to three cardiac cycles after the peak contrast concentration suggests high

variation in flow velocity in the aneurysm sac and the high likelihood of areas of flow recirculation

as is seen in figure 6.5.
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Figure 6.8: Decay curves of all four experimental aneurysms with an exponential line of best fit

Although the contrast concentration curves are fairly smooth, small fluctuations are seen, and
these variations occur across the inflow and outflow portions of the curves. The variations
appear approximately periodic, falling every 0.8-1.0 seconds (around one heartbeat) and most
likely correspond to sudden changes in parent vessel flow rate, such as at peak systole. Among
the four plots of figure 6.7, there appears to be greater variation in shape in the inflow portion,
rather than the outflow portion, of contrast concentration. This is likely due to the influence
of contrast injection time and speed on contrast infiltration but not contrast decay. Also, the
increased speed of the contrast infiltration (and hence shorter infiltration time of the order of
one heart beat) makes the distribution more sensitive to periodic variations in parent vessel flow.
Conversely, the outflow portion of the plots shows little variation across the aneurysms and is
approximately that of exponential decay, where contrast washout is driven by blood flow alone,

and any periodic effects of the cardiac cycle are averaged-out by the slower rate of decay.

The decay portion of the contrast concentration curve gives a more accurate representation
of the flow conditions in the aneurysm sac than the contrast inflow curve. In the contrast
decay, the influence of external factors such as contrast injection volume, speed, and timing
are reduced, and flow-recirculation behaviour, which is very common in aneurysms, can be

captured. Hence, focussing on the decay portion of the contrast concentration curve is natural

150



for any study attempting to correlate simulated flow conditions with in-vivo contrast enhanced

angiography.

The decay portions of the contrast concentration curves for the experimental aneurysms are
plotted in figure 6.8 and show good similarity across all four geometries. An exponential decay
trend line (assuming a contrast concentration of 1 at t = 0) is fitted to the data with a decay

constant of 0.764 s~ 1.

6.4 In-silico Experiment

6.4.1 Simulated Geometry

Given the similarity in geometry size, flow patterns and contrast concentration curves between
the four experimental aneurysms, and in the interest of increasing computational efficiency, the
3D geometry of one aneurysm is selected for the computational study and is assumed to be

representative of the behaviour seen in all four experimental aneurysms.

Figure 6.9: Trimmed simulation geometry and details of mesh resolution
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In order to reduce the simulation mesh size, the reconstructed 3D geometry shown in figure 6.9
is trimmed to reduce the parent vessel portion of the geometry to a length of approximately 10
vessel diameters. The aneurysm geometry is imported into CFD-VisCART and meshed. Meshing
is completed with a projected single domain con-conforming mesh, an omnitree cartesian tree
type, and three near-wall cartesian layers to give smooth and well-resolved boundary definition.
A minimum mesh density of 4,000 elements/mm? is prescribed to ensure a mesh-independent
solution to the margin discussed in chapter 3 and chapter 4, which results in a mesh size of

4,290,000 elements.

6.4.2 Modelling Contrast in-silico

Contrast is modelled computationally as an independent scalar quantity introduced at the sim-
ulation inlet and transported in the bulk flow in a similar manner to dye particles. Although
this method is a major simplification of what is, in reality, a two-fluid mixing problem, the
reduction in both computational cost and the complexity required to characterise true two-fluid
flow is considerable. The same independent scalar approximation is made in all of the virtual
contrast models detailed in the literature with little loss of accuracy reported, as discussed in

section 6.1.2.

209 G- (pow) = v Ty v 0+, (6.1)

where ¢ = local contrast concentration, I'y = the diffusion coefficient of contrast in blood and

S = contrast concentration inlet boundary condition incorporated as a source term

Transport of the contrast is governed by equation 6.1, previously discussed in chapter 2. The
contrast does not alter the simulated blood density or viscosity and has a diffusivity in blood
of 1.0x10""m?s~ !, an order of magnitude estimate based on the diffusivity of tracer particles in
blood flow. [129] The dominance of convection over diffusion in the flow is likely to render the

effects of any inaccuracy in estimating the diffusivity small.

Previous studies in the field [43] and the experimental results in section 6.3.2 confirm the in-

fluence of contrast bolus injection speed and timing on the resulting aneurysm contrast con-
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centration curve. The correlation between in-vivo and in-silico contrast residence curves may
be greatly improved by ‘matching’ the real and virtual contrast injections to the same point
in the cardiac cycle. [43] However, this approach relies on high-quality angiography with fine
temporal-resolution (<0.1 seconds), which is likely to limit its clinical relevance. Moreover,
without repeating the contrast injection in-vivo at another point in the cardiac cycle, there is a
risk that ‘matching’ the two results reduces the virtual model’s generalisability with a contrast

washout curve that is not representative of the cardiac cycle as a whole.
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Figure 6.10: Multiple independent contrast pulses introduced at the geometry inlet

In this study, in order to increase generalisability and to quantify the influence of the cardiac
position at the time of contrast injection, a series of sequential injections of contrast are made
at intervals across the whole cardiac cycle, as shown in figure 6.10. The contrast particles from
one injection have no interaction with the contrast particles from another pulse. This allows for
the contrast concentration curve resulting from contrast injection at any point (to the nearest
1/8 fraction of the cardiac cycle) to be estimated. It also quantifies any changes in contrast
concentration due to variation in the cardiac position at the bolus injection. Each contrast pulse
has a non-zero value for 0.2 seconds with eight separate pulses at 0.1 second intervals covering
the entire 0.8 seconds of one cardiac cycle. The contrast pulse concentration is sinusoidal in time
with zero gradient at maximum and minimum contrast concentration. The plots of figure 6.10

show the value of each contrast pulse at the inlet boundary of the geometry over time.

From these eight independent contrast pulses, any length of angiographic bolus administered
at any 1/8% fraction of the cardiac cycle may be modelled with a linear combination of the

corresponding eight pulse decay curves. For example, the aneurysm contrast decay curve for a
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Figure 6.11: Multiple independent pulses introduced at the geometry inlet combine to create a cycle-
averaged contrast bolus (unity over one cardiac cycle)

uniform bolus of contrast spanning the entire cardiac cycle (shown in figure 6.11) is calculated
at each time step from the sum of the instantaneous values of all eight contrast pulses (‘Pulse

1’ to ‘Pulse 8’) plus the the value of ‘Pulse 8 shifted forward in time by 0.8 seconds.

The uniform contrast bolus shown in figure 6.11 (with a value of unity over the entire cardiac
cycle) is used in this study as the resulting contrast residence profile represents typical contrast
residence averaged over one cardiac cycle—a ‘cycle-averaged’ profile. Then, given reasonable
self-similarity of each contrast pulse residence profile (i.e. the volume of contrast entering the
aneurysm varies in time, but the underlying rate of infiltration and decay remain constant), the
cycle-averaged residence profile infiltration and decay rates can be considered representative of
any bolus length, shape, and start time. The validity of such an assumption, and specifically the
self-similarity of the different contrast pulse distributions, is discussed in detail in the following

sections.

Finally, as discussed in section 6.3.2, the effects of contrast bolus injection times are more acutely
seen in the infiltration portion of the aneurysm contrast concentration curve. Consequently, the
infiltration portion of the curve is quantitatively ignored in this virtual model in favour of

concentrating on the more robust decay portion, as shown in figure 6.8.

6.4.3 Simulation Setup

The simulation mesh discussed in section 6.4.1 is imported into the multi-physics suite CFD-

ACE+. Blood flow is modelled as an incompressible fluid with unsteady 3D Navier-Stokes
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governing equations, with a Central Differencing scheme for spatial differentiations and inter-
polations, as well as a Crank-Nicholson second order scheme for time-marching. The SIMPLE-
Consistent (SIMPLEC) [105] [41] pressure correction method and an algebraic multigrid method
for convergence acceleration are used. [158] A time step of 0.01 seconds is used in agreement with
the time-step independence tests of chapter 3 and chapter 4. Blood is modelled as a Newtonian
fluid (assuming non-Newtonian effects are small in arteries with a diameter greater than 0.5
mm [111]) with a density of 1000 kg m~2 and a dynamic viscosity of 0.004 Pa s. A rigid arterial

wall is assumed.
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Figure 6.12: Human ICA flow profile generated from a 1D model of the arterial tree

The transient simulation is run with a time-varying inflow based on the profile of flow in the
human ICA, as shown in figure 6.12. [124] As an accurate profile of flow in a porcine CCA is
not available, it is concluded that the similarity in flow rate, artery diameter and distance from
the heart between the porcine CCA and the human ICA make this assumption reasonable. A
radially symmetric inlet velocity profile is prescribed at the inlet and scaled to give a mean flow
rate of 230ml/min. The resulting simulation has a maximum and minimum Reynolds number of
680 and 120 respectively and a Womersley number of 1.40, confirming that the flow is confined to
the laminar regime. A parabolic inlet velocity profile is used, as the relatively small Womersley
number of the inflow suggests little departure in velocity profile from a Poiseuille solution. An

outflow boundary condition of fixed pressure is also applied.
The simulation is run on 32, 2.93 GHz cores with each time-step converging to five orders of
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magnitude residual reduction in around 50-100 iterations in a typical solution time of 30 minutes
per time step. The contrast pulses are introduced after two full cardiac cycles (1.60 seconds real
time) to reduce the influence of initial transient flow effects. The simulation is run for a further
three cardiac cycles after the introduction of the final contrast pulse, giving a total simulation

time of six cardiac cycles (4.80 seconds real time).

6.4.4 In-silico Results

The typical flow regime within the aneurysm dome is shown in figure 6.13 for mean parent
vessel flow rate. A large vortex dominates the aneurysm dome, driven by flow entering in the
distal portion of the neck and driving circulation in the counter-clockwise direction. A small
area of recirculation can be seen in the tip of the aneurysm, where low-speed flow rotates in the

clockwise direction. This flow pattern persists throughout the entire cardiac cycle.

Ve (ms™)

mag

0 0.50

Figure 6.13: Flow streamlines at mean parent vessel flow rate in the ‘No Device’ simulated geometry

The 3D distribution of each of the eight independent contrast pulses is exported for every fourth
time step (1/20%" of a cardiac cycle) to aid computational efficiency. The 3D contrast pulse
distributions are then imported into Matlab, where the 3D distributions are projected into the
same 2D plane as the experimental DICOMs from section 6.3. The total contrast value in the
aneurysm dome is calculated for each independent pulse, at each time point, and is plotted in

figure 6.14.

In figure 6.14, large variation can be seen in the magnitude of the contrast value between the
eight different introduction times; less than half the quantity of contrast is washed into the
aneurysm for the contrast pulse introduced 0.6 seconds into the cardiac cycle (Pulse 6) when

compared to the pulse introduced at 0.1 seconds (Pulse 1). This variation suggests that the
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Figure 6.14: Total absolute contrast value within the aneurysm dome for all eight contrast pulses

absolute magnitude of contrast washed into the aneurysm varies considerably across the cardiac

cycle under ‘normal’ flow conditions.
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Figure 6.15: Contrast pulse residence and decay for all eight pulses in the ‘No Device’ geometry

Small peaks and troughs are seen in the the plots for all eight pulses. These occur at fixed times,
mainly at 2.10, 2.90, 3.40, 3.70 and 4.20 seconds, all of which are either 0.2 or 0.5 seconds from the
start of a cardiac cycle and correspond to the two peaks seen in the ICA flow profile (figure 4.12).

The same effect is seen in the experimental contrast concentration plots of figure 6.7.

Despite the large variation in absolute value of the eight contrast pulses, when the relative

contrast concentrations are plotted against the time after the pulse first enters the aneurysm,
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as in figure 6.15a, all the plots have a very similar shape. The shape of the plot shows strong
similarity to the experimentally obtained contrast washout curves of figure 6.7. In both the
experimental and simulated cases, the time from contrast first entering the aneurysm to reaching
peak concentration is around 0.8 seconds, and in both cases the contrast concentration falls to

30-40% of the peak value around 2.0 seconds after the peak.
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Figure 6.16: Cycle-averaged simulated contrast residence and decay for the ‘No Device’ geometry

As for the experimental data, the decay portion of the separate contrast pulse curves may be
isolated and plotted in figure 6.15b. An exponential trend line is fitted (assuming a contrast
concentration of 1 at t = 0) with a decay constant of 0.610 s~! and representing the average decay
rate of the eight contrast pulses. The high R? value and corresponding low degree of scatter of
the data around the trend line suggest that the decay rate, unlike the absolute contrast value,

is relatively constant over all eight pulses, and hence, across the cardiac cycle.

A contrast residence curve corresponding to the injection bolus described in figure 6.11 (unity
over the entire cardiac cycle for one cycle) may be constructed from a linear sum of the contrast
pulse decay curves as detailed in section 6.4.2. The corresponding contrast bolus residence curve
is shown in figure 6.16a. The simulated contrast infiltration time (time to peak concentration)

of around 0.8-1.0 seconds is similar to that seen experimentally.

The decay portion of the simulated contrast bolus curve is plotted in figure 6.16b and fitted with

1

an exponential decay trend line having a decay constant of 0.561s™". The similarity between

the simulated contrast decay constant (0.561 s~!) and the mean constant of the individual
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contrast pulse’s decay (0.610 s~1) reinforces the assertion that the rate of contrast decay remains
approximately constant across the cardiac cycle and that decay at any given time is well described

by an exponential decay curve.

6.5 Comparing in-vivo and in-silico Results

Curves of both the experimental and the simulated contrast bolus concentration are plotted in
figure 6.17a, and the corresponding decay portions with exponential trend lines fitted to the

data are shown in figure 6.17b.
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Figure 6.17: Comparing experimental and simulated (cycle-averaged) contrast bolus residence and decay
curves. Both sets of curves are centred on peak concentration.

In both the overall contrast residence curve and the decay portion specifically, the correlation
between the in-vivo data and the simulated profiles is good. The simulated decay curve falls
within the scatter of the experimental data for the first 0.80 seconds (one cardiac cycle) of
the decay, but by 2.00 seconds, a difference in contrast concentration of around 0.10 can be
seen. The simulation underestimates the rate of contrast decay; after a contrast decay time
of 2.0 seconds the experimental and simulated models show a relative concentration of 22.0%
and 32.6% respectively. The simulated prediction of the experimental contrast decay constant
is underestimated by 26% with an experimental and simulated decay constant of 0.758s~! and

0.561s~! respectively.

The magnitude of pulsatility in both the simulated and experimental data appear similar; given
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that such pulsatility has been attributed to variation in parent vessel flow rate, the similarity
suggests that the in-vivo flow profile in the porcine CCA and the assumed human ICA flow
profile in the simulations are of a similar shape. In figure 6.17a, an initially high rate of contrast
infiltration giving way to a smoother contrast peak in the experimental case suggests an exper-
imental contrast bolus profile in time with a less well-defined end-point and a smoother decay,

similar to that reported in the literature. [43]

Virtual angiograms are generated from the in-silico model, as shown in figure 6.18, where the
total virtual contrast concentration is projected into a 2D plane approximately identical to that
seen experimentally. The visual correspondence between the in-vivo and simulated contrast flow
patterns is also good: in both cases the contrast enters the aneurysm at the same neck location,
the degree of initial jet infiltration is similar, and the contrast decay rate is greatest in the

lower-distal portion of the aneurysm.

Although the correlation between the simulated and experimental contrast behaviour is good,
errors remain. Such errors should be linked to the assumptions of the model, namely parent
vessel flow rate, contrast viscosity, and contrast density. The influence of these assumptions is

discussed and quantified in the following sections.

6.6 Accounting for Contrast Viscosity and Density

In order to quantify the influence of contrast media properties (density and viscosity) on contrast
washout, the in-silico simulations of the previous section are repeated with a range of densities
and viscosities that are seen in clinically used angiographic contrasts. Given that a significant
effect of contrast density and viscosity is to locally change the Reynolds number of the blood flow
(Reynolds number being proportional to the density:viscosity ratio), the greatest influence on the

flow will be seen from contrast media with the highest and lowest density:viscosity ratios.

6.6.1 Simulations Incorporating Contrast Viscosity and Density

The extremes of properties seen in clinically used contrast agents are summarised below in

table 6.1. It should be noted that it would be clinically unusual to use either of these contrasts
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Figure 6.18: Virtual and in-vivo angiography (images taken at 0.40 second intervals from peak contrast
concentration) with no device deployed. Images are aligned to the peak aneurysm contrast concentration
at 0.80 seconds

for cerebral aneurysm imaging. Despite this, the most extreme range of properties are selected
in order to quantify the maximum influence changes viscosity and density may have of the

simulated contrast residence curve.
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Table 6.1: Contrast Properties

CONTRAST DENSITY VISCOSITY
Omnipaque™ 180 1164 kg m*3 0.0015 Pa's
Omnipaque™ 350 1410 kg m?? 0.0204 Pa s

To avoid the complications of two-fluid simulations and to retain the simplified scalar approach,
the simulations are run assuming that a perfect mixture of blood and contrast, in equal propor-
tions, is flowing through the geometry at all times. Additionally, the same set of eight contrast
pulses are propagated through the fluid as discussed in section 6.4.2. As such, the only change to
the simulations compared to that of section 6.4.3 is a slight increase or decrease in fluid density
and viscosity. Although this rationale of a perfect and perpetual mixture of contrast and blood
is not realistic and will not capture any flow effects due to local viscosity and density gradients,
the method does allow for the bracketing of the global influence of viscosity and density on the

contrast decay rate.

Contrast, which typically has a higher density than blood, has been observed ‘settling’ under
the effects of gravity in aneurysm domes. [155] This effect is often cited as a source of error in
computational models of contrast transport. However, incorporating this effect into a virtual
contrast model is highly problematic, requiring both a two-fluid model and knowledge of the
direction gravitational forces, which vary considerably depending on whether a patient is lying
down or standing upright. Additionally, all reports in the literature suggest that contrast settling
would encourage contrast residence and lead to computational models overestimating the corre-
sponding aneurysm contrast decay rate. This is the opposite of the error seen in the simulated
contrast model of the previous section, which underestimated contrast decay rate. Consequently,
error from localised contrast settling is considered insignificant in this study.

Table 6.2: Summary of contrast mixture properties

DENSITY VISCOSITY MODIFIED RE
High Re (50:50 mix Blood & Omnipaque™ 180) 1080 kg m 0.00275 Pa s +70%
Low Re (50:50 mix Blood & Omnipaque™ 350) 1200 kg m? 0.0122 Pa's -40%

The global density and viscosity of the two simulations modelling the presence of perfectly mixed
blood and Omnipaque’™ 180 or Omnipaque’™ 350 contrast media are summarised in table 6.2.

The corresponding effective change in simulation Reynolds number is an increase of 57% and
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a decrease of 61% for the ‘HighRe’ and ‘LowRe’ simulations respectively. For perspective, the
contrast agent used in the in-vivo experiment (Omnipaque’™ 240, p =1280 kg m~3, u— 0.0034
Pa s) would have the effect of increasing the simulation Reynolds number by 23% in a perfect

50:50 mixture.

6.6.2 Simulation Results

The simulations are repeated as detailed in section 6.4.3. No substantial changes in simulation
time or the number of iterations to reach convergence are observed as a result of the Reynolds
number changes.
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Figure 6.19: Total contrast pulse value in the aneurysm domes for the ‘High Re’ and ‘Low Re’ simu-
lations

The variation in contrast pulse value for both ‘High Re’ and ‘Low Re’ simulations is depicted in
figure 6.19. A pattern emerges in both simulations that is broadly similar to the result seen in the
previous section: around twice the volume of a contrast pulse injected up to 0.3 seconds before
peak systole infiltrates the aneurysms compared to a pulse injected around diastole. The volume
of each pulse infiltrating the aneurysm (in arbitrary units) does not vary considerably between
the two simulations, nor does it differ from the volumes observed in the initial simulation of

section 6.4.

The relative contrast pulse residence curves for the ‘High Re’ and ‘Low Re’ simulations are

plotted in figure 6.20. The rate of pulse infiltration appears broadly similar between the two
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Figure 6.20: Relative contrast pulse distributions for the ‘High Re’ and ‘Low Re’ simulations

simulations and across the cardiac cycle: each contrast pulse reaches peak concentration in
around 0.8 seconds. The overall shape of the plots is identical to the original ‘No Device’
simulation (figure 6.15) but with the ‘Low Re’ simulation showing faster decay of the contrast

pulses and greater variation in the decay rate.
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Figure 6.21: Relative contrast pulse decay for the ‘High Re’ and ‘Low Re’ simulations

The decay portions of both plots from figure 6.20 are shown in figure 6.21 with exponential
trend lines fitted representing mean pulse decay rate and yielding decay constants of 0.598 s~!
and 0.793 s~! for the ‘High Re’ and ‘Low Re’ simulations respectively. The ‘Low Re’ simulation
shows greater variation in the contrast pulse decay rate (hence the lower R? value of 0.752)

with between approximately 15% and 40% of each contrast pulse remaining in the aneurysm
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dome after 2.0 seconds, depending on the cardiac position at the injection of the pulse. Such
increased scatter suggests that in the ‘Low Re’ simulation, where flow can be considered more
‘shear driven’, the rate of contrast pulse decay varies considerably depending on the parent
vessel velocity both instantaneously and at the time when a given contrast pulse entered into

the aneurysm.

Finally, cycle-averaged contrast residence curves are created by the linear sum of the contrast
pulse components, as previously described, and plotted for the ‘High Re’ and ‘Low Re’ simula-
tions in figure 6.22 and figure 6.23 respectively. Similar behaviour is seen in the contrast plots
as in the individual pulse residence curves: a contrast infiltration time of around 0.8 seconds
and a greater rate of contrast decay in the ‘Low Re’ case.
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Figure 6.22: Cycle-averaged contrast bolus residence and decay for the High Reynolds number simulation

The decay portions of the contrast curves are also plotted in figure 6.22 and figure 6.23 with
exponential decay trend lines fitted and yielding decay constants of 0.552 s~! and 0.677 s~ !
for the ‘High Re’ and ‘Low Re’ cases respectively. The contrast decay rates are summarised
in table 6.3 in addition to the corresponding contrast decay rate predicted in the ‘No Device’

simulation.

The contrast decay rate of the ‘Low Re’ simulation is markedly lower than the corresponding
average contrast pulse decay rate seen in figure 6.21b (0.677 s~ vs 0.793 s~!). This suggests
that the ‘Low Re’ contrast residence behaviour is dominated by the pulses with lower decay

rates (Pulses 1, 2 and 8), which correspond to the fraction of contrast entering the aneurysm
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Figure 6.23: Cycle-averaged contrast bolus residence and decay for the Low Reynolds number simulation

Table 6.3: Ezponential contrast decay constants for the ‘High Re’, ‘Low Re’, and initial ‘No Device’
simulations

SIMULATION EXPONENTIAL CONTRAST DECAY CONSTANT
Initial 0.560 5!
High Re 0.522 57!
Low Re 0.677 s7!

dome in the 0.3 seconds prior to peak systole. The dominance of contrast inflow in this portion
of the cardiac cycle is reasonable given the relatively large volume of Pulses 1, 2 and 8 in the
aneurysm dome, as shown in figure 6.19b. The degree of pulsatility in the residence traces
of both simulations is similar, which supports the same assertion: despite the large range of
instantaneous contrast washout seen in the ‘Low Re’ case, the overall contrast washout behaviour
is dominated by contrast entering and exiting the aneurysm dome in the 0.3 seconds prior to

peak systole.

The variation in aneurysm inflow rate for all three simulations is also plotted in figure 6.24 and
summarised in table 6.4. It is interesting to note that despite the large difference in Reynolds
number between the three simulations, the average aneurysm inflow rate is relatively unchanged
at around 24-25 ml/min. The results of figure 6.24 also suggest that the variation seen in
contrast decay rate (table 6.3) cannot be accounted for by variation in average aneurysm inflow
alone. However, the larger range in instantaneous aneurysm inflow rate seen for the ‘Low Re’
simulation may explain why greater variation is seen in individual contrast pulse decay rates

across the cardiac cycle in the ‘Low Re’ case (figure 6.21b.)
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Figure 6.24: Aneurysm inflow across the cardiac cycle for the initial, ‘High Re’, and ‘Low Re’ simula-
tions

Table 6.4: Inflow summary for the ‘High Re’, ‘Low Re’, and initial ‘No Device’ simulations

SIMULATION MEAN INFLOW INFLOW RANGE
Initial 25.2 ml/min 53.0 ml/min
High Re 24.7 ml/min 51.1 ml/min
Low Re 23.9 ml/min 60.8 ml/min

The mean and maximum velocity magnitude entering the aneurysm dome over the cardiac cycle
are plotted in figure 6.25. From figure 6.25a it appears that the mean aneurysm inflow velocity
varies very little over all three simulations; the plots are almost identical in the ‘No Device’ and
‘High Re’ cases, and in the ‘Low Re’ simulation, a slightly increased mean velocity is evident
between diastole and systole. A clear pattern is seen in the plot of peak aneurysm inflow velocity
magnitude shown in figure 6.25b; maximum velocity is consistently highest across the cardiac
cycle in the ‘High Re’ case, followed by the ‘No Device’ case, and finally the ‘Low Re’ simulation,

the latter showing a markedly reduced peak velocity across the entire cardiac cycle.

From the two plots of figure 6.25, it is clear that while the average aneurysm inflow rate does not
differ significantly among all three simulations, the ratio of max:mean aneurysm inlet velocity is
lower for the ‘Low Re’ case (4.77) compared to the same ratio for the ‘High Re’ and ‘No Device’

cases (7.76 and 7.23 respectively.)

This ratio of peak to mean inflow velocity can be considered as a measure of inflow jetting: a
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Figure 6.25: Velocity magnitude at the aneurysm neck for the initial ‘No Device’, ‘High Re’, and ‘Low
Re’ simulations
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Figure 6.26: Different degrees of flow infiltration and vortex position in the ‘High Re’, and ‘Low Re’
simulations at mean parent vessel flow rate

high ratio indicates a localised peak of inflow, whereas a low ratio implies a relatively diffuse plug
of inflow. The lower ratio in the ‘Low Re’ case corresponds to less infiltration of the flow into
the aneurysm sac, as shown in figure 6.26. Consequently, the contrast that enters the aneurysm
in the ‘Low Re’ case is more confined to the lower half of the aneurysm, where it is quickly swept
back out into the parent vessel, resulting in a faster rate of contrast decay. Conversely, in the

‘High Re’ case, flow carries contrast deeper into the aneurysm dome increasing the transport time

of the contrast leaving the aneurysm, which results in a reduced rate of contrast decay.

Finally, the contrast decay curve predicted from each simulation is plotted relative to the ex-

perimental contrast decay in figure 6.27.
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Figure 6.27: Ezperimental and simulated contrast bolus concentration decay including ‘High Re’ and
‘Low Re’ simulations

6.6.3 Summary: The Influence of Contrast Viscosity and Density

The relative difference between all three simulated contrast decay curves in figure 6.27 is small
and falls within the scatter of the experimental data. The spread of the ‘High Re’ and ‘Low
Re’ curves about the original simulation is highly asymmetric, with little variation seen between
the original simulation and the ‘High Re’ case, despite a 57% increase in Reynolds number.
Conversely, the difference between the ‘Low Re’ case and the original simulation is relatively
large after similar sized (61%) decrease in Reynolds number. Given that the properties of the
contrast used experimentally in section 6.3 would result in a 23% increase in Reynolds number
if simulated, it is likely that the results of such a simulation would be almost identical to the

decay curve of the original simulation.

From the decay rates of these three simulations, it appears that when substantial changes are
present in the working fluid density and viscosity, and hence, in local Reynolds number, aneurysm
inflow rate alone is not a good predictor of the volume or rate of contrast entering and exiting the
aneurysm dome. In fact, at constant inflow rate, variation in contrast infiltration and decay is
seen as a result of different aneurysm flow patterns and the degree of inflow jetting. Additionally,
figure 6.26 suggests that significant differences between in-silico and in-vivo contrast properties

could be identified by differences in aneurysm flow pattern alone.
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Considering that the variation in contrast decay rate seen is representative of the most extreme
variation in contrast properties commercially available, and that incorporating the experimental
contrast properties into a simulation would not dramatically alter the original simulation decay
rate, it must be concluded that the error associated with changes in fluid density and viscosity is
negligible. As such, the error seen between the experimental and ‘No Device’ simulated contrast

washout cannot be accounted for by density and viscosity changes.

6.7 Accounting for Parent Vessel Flow Rate

The simulations of the previous section are conducted assuming an inlet flow rate typical of the
human ICA mean flow rate as calculated from a 1D arterial tree model. Other studies discussed
in section 6.1.2 have shown the influence of parent vessel flow velocity on contrast washout rate,
suggesting parent vessel flow rate may be a major source of inaccuracy in any virtual contrast
model, especially if the flow rate used is not patient-specific. However, accurately obtaining such

patient-specific flow rates is complicated, and often impossible.

One method to incorporate patient-specific flow rates into simulation boundary conditions is to
infer arterial flow rate from angiographic contrast transport. [43] Although this method allows for
accurate prediction of the flow conditions typical during the angiography, such conditions may be
substantially underestimating the true vessel flow rate when the vessel lumen is not obstructed
by the angiographic catheter. In one study, Ford et al. [47] saw substantial ‘angiography-induced’
changes in simulated local flow patterns that resulted from the velocity of the injected contrast
bolus. As such, mean flow rates may actually be inherently more representative of ‘typical’
flow conditions (compared to flow rates calculated from angiography), as they are derived from
computational models of the vasculature assuming an unobstructed lumen and are verified in-

vivo with trans-cranial doppler probes that do not interrupt the vessel flow.

Given the importance of parent vessel flow rate alongside the lack of non-invasive methods for
measuring patient-specific flows, it is prudent to attempt to quantify any errors in a virtual
contrast model due to flow rate changes. In fact the clinical relevance of such a model would be
substantially improved, as it would allow the relative impact of the dominant clinical measure-

ment technique (angiography) on the aneurysm flow to be quantified. To this end, the effect of
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parent vessel flow rate on virtual contrast washout is investigated.

6.7.1 The Effect of Placing a Catheter in a Vessel Lumen

Initially, any effect that the angiographic catheter used in the experimental studies may have
had on the resultant aneurysm flow is quantified. The effect of the increased resistance of a
catheter that is blocking a vessel lumen is two-fold: to reduce the flow rate in the vessel lumen
due to the obstruction and to alter the cross-sectional velocity profile from the approximate

parabola of the unobstructed lumen.

Each of these effects is briefly investigated and quantified with simple simulations. Initially, a
model of a straight vessel lumen 30mm long and 4mm diameter is used to calculate in-silico the
pressure gradient required to drive steady, parabolic flow at the mean and maximum human

ICA flow rates (230 and 575ml/min respectively) in an unobstructed lumen.

The calculated pressure gradient (127Pa and 315Pa for the mean and maximum flow rates
respectively) is then used as a boundary condition for repeated simulations with an angiographic
catheter (size: 4Fr with a diameter of 1.33mm) that is aligned with the vessel centreline. For
simplicity, the catheter is assumed to be coincident with the lumen centreline, although in
reality, due to vessel curvature, the catheter will likely be angled, thereby blocking more of the
lumen area and increasing the flow resistance. A cross-sectional view of the model is shown

schematically in figure 6.28 (top).

Secondly, the effect of the catheter on the cross-sectional velocity profile further downstream is
evaluated with the model shown in figure 6.28 (bottom). The cross-sectional velocity profiles
calculated in the previous simulations are used as inlet velocity conditions, and the degree of
mixing is observed five vessel-diameters downstream of the catheter tip (at the outlet of the
geometry shown in figure 6.28 (bottom)). In all cases, angiographic contrast with a density
and viscosity equal to blood is assumed to be flowing in the catheter at a constant rate of

2ml/s.

The geometries of figure 6.28 are meshed in CFD-VisCART as detailed in section 6.4.3. The
vessel geometry with and without the catheter present have mesh sizes of 1,090,000 and 2,080,000

elements respectively. The geometry partially blocked by the 5mm length of catheter has a

171



CATHETER IN LUMEN (CROSS-SECTION)

4mm

1.33mm
(4Fr)

30mm

PARTIAL CATHETER IN LUMEN (CROSS-SECTION)

Smm 25mm

(Not to Scale)

Figure 6.28: Vessel (red) and catheter (blue) model cross-sections

mesh size of 2,190,000 elements. Steady state simulations are run in CFD-ACE+ at mean and
maximum ICA flow conditions with solver settings previously discussed in section 6.4.3. All

results are post-processed in CFD-VIEW.

Results of the first set of simulations, calculating the reduced pressure-driven flow rate as a result
of a catheter blocking the lumen, are shown in figure 6.29 and summarised in table 6.5. The
corresponding velocity profiles in the obscured lumen are as expected (annular and parabolic).
The net-effect of the catheter, at both mean and maximum ICA flow rates, is to reduce the blood
flow rate and mean flow velocity to around 30% of that of the un-obscured lumen. Such a result
suggests that the presence of the angiographic catheter in the vessel lumen has a substantial
effect on the flow rate in the parent vessel. Even when the flow rate of the contrast in the
catheter is considered in addition to the blood flowing in the lumen, the relative flow rates at

maximum and mean ICA flow conditions are still only 50% and 80% of their unobstructed values

respectively.
Table 6.5: Flow reductions due to catheter occlusions
MEAN ICA PRESSURE (127PA) | PEAK ICA PRESSURE (315PA)
Unobstructed Flowrate 230 ml/min 575 ml/min
Obstructed Flowrate 67 ml/min (71% reduction) 165 ml/min (71% reduction)
Including Catheter Flowrate* 187 ml/min (19% reduction) 285 ml/min (50% reduction)

* Assuming a steady flow rate of 120 ml/min
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Figure 6.29: Velocity profiles of pressure-driven flow in the blocked vessel lumen at mean and maximum
ICA flow rates

The results of the second set of simulations are shown in figure 6.30 and figure 6.31. From the
figures, it appears that despite the large discrepancy between catheter and vessel flow velocities
at the geometry inlet, at a distance of five vessel-diameters downstream from the catheter tip,
sufficient mixing has occurred for the vessel flow velocity profile shape to be approximately
parabolic. This effect is seen at both mean and maximum ICA flow rate conditions and suggests
that the injection of contrast at a rate of 2ml/sec into typical flow conditions in the ICA does
not dramatically effect the shape of the vessel velocity profile downstream. In reality, the curved
nature of the cerebral vessels will increase the degree of mixing across the vessel lumen and

negate this effect even faster.

From the results of this simple analysis, it can be concluded that the presence of a catheter in a
vessel substantially alters the flow rate of blood in that vessel under the same pressure gradient
as prior to the obstruction. Although in reality auto-regulation mechanisms such as increased
arterial pressure gradient and the enlarging of the vessel lumen may counter this flow-reducing
effect of the catheter, there is also a risk that vessel spasm will actually constrict the vessel and
further reduce the blood flow rate. These simulations suggest that the parent vessel flow rate
seen experimentally in section 6.3 may differ substantially from the mean ICA flow rate assumed

for the subsequent in-silico simulations of the previous sections.
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Figure 6.30: Catheter and vessel flows mizing at mean ICA flow conditions
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Figure 6.31: Catheter and vessel flows mizing at maximum ICA flow conditions

More broadly, flow conditions in a vessel observed and measured angiographically are unlikely
to be representative of normal flow conditions in the vessel. This challenges the validity of
angiographically derived patient-specific flow rates. However, it is apparent that the presence of
the catheter in the vessel does not dramatically alter the velocity profile across the lumen at a

reasonable distance downstream of the catheter tip (approximately five vessel-diameters).

6.7.2 Simulations Incorporating Variation in Parent Vessel Flow Rates

Given the results of the previous section (6.7.1), the in-silico virtual contrast simulations of the
experimental porcine aneurysm are repeated with reduced parent vessel flow rate to quantify the
effect that the angiographic catheter may have had on the contrast residence observed. The effect

of previously assuming a parent vessel flow rate typical of the human ICA is also investigated by
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running a further simulation with an increased parent vessel flow rate. As such, the simulation
inlet velocities are chosen to bracket the extremes of flow rate that may be experienced in the
experimental vessel. In one simulation, the parent flow rate is increased by 50% to a mean of
345ml/min, conditions similar to the human CCA. In a second simulation, the parent vessel flow
rate is decreased by 50% to 115ml/min, which is more representative of a human ICA obstructed
by a catheter. The resulting mean inlet Reynolds numbers for the simulations are 408 (maximum
1020) and 136 (maximum 340) for the higher and lower flow rates respectively, which confirms
that flow remains confined to the laminar regime. All other simulation parameters remain the

same as in section 6.4 with no changes in blood viscosity or density.

6.7.3 Simulation Results

Simulations are again run on 32 cores with a typical solution time of around 40 minutes per
time step and reaching the convergence criterion of five orders of magnitude residual reduction

is less than 100 iterations per time step.

As before, the eight independent contrast pulses are extracted at every fourth time step and
projected into the same plane as the experimental angiography. The absolute value of each pulse
in time is plotted in figure 6.32 for both the increased parent vessel flow rate simulation, ‘High
Q’, and the reduced parent vessel simulation, ‘Low Q’.
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Figure 6.32: Total absolute contrast pulse values for the ‘High @’ and ‘Low @’ simulations

In the ‘High Q’ case, the relative volumes of each contrast pulse that are washed into the
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aneurysm dome are similar to the previous simulations (‘No Device’, ‘High Re’ and ‘Low Re’)
with the highest infiltration seen for Pulse 1. However, in the ‘Low Q' simulation, the greatest
infiltration is seen from Pulse 8, which is introduced 0.1 seconds earlier in the cardiac cycle than
Pulse 1. This phenomena is indicative of the substantially reduced parent vessel flow rate for the
‘Low Q’ simulation. In all other simulations, the bulk flow rate has transported Pulse 1 from the
geometry inlet to the aneurysm neck in a time roughly coincident with the increased aneurysm
inflow corresponding to peak systole. In the ‘Low Q’ case, the bulk flow rate is sufficiently low
that the transit time from the geometry inlet to the aneurysm neck is increased, and hence,
Pulse 8, the contrast pulse injected 0.1 seconds prior to Pulse 1, is transported to the aneurysm
neck coincident with the large inflow associated with peak systole.
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Figure 6.33: Relative contrast pulse distributions for the ‘High @’ and ‘Low Q’ simulations

The relative contrast pulse concentration curves are plotted in figure 6.33 for both simulations.
From the figure, it is immediately clear that the decay rate of all pulses in the ‘High QQ’ simulation
is much higher than in the ‘Low Q’ case. Additionally, the decay portions of the curves of the
‘High Q’ simulation appear more erratic, with sudden changes in contrast pulse value seen.
The ‘Low Q’ plot (figure 6.33b) also shows considerable variation in contrast pulse infiltration
time, with the time to reach peak concentration across the pulses varying between 0.3 and 1.0
seconds, which suggests that large ranges in instantaneous inflow rate are present in the ‘Low Q’
simulation. For comparison, peak contrast pulse concentration is reached in 0.30-0.60 seconds

for the ‘High Q’ simulation.
The decay portions of the contrast pulse residence curves for both simulations are plotted in
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Figure 6.34: Relative contrast pulse decay for the ‘High @’ and ‘Low @’ simulations

figure 6.34. Exponential trend lines representing mean pulse decay rate are fitted to the simula-
tion data with decay constants of 0.895 and 0.411 s~! for the high and low flow rate simulations
respectively. Substantial scatter is seen in the ‘Low Q’ simulation results, which reduces the
significance of the trend line fitted to the data, and suggests that pulses entering the aneurysm

dome at different points in the cardiac cycle experience very different decay times.

Finally, cycle-averaged contrast bolus residence and decay curves are created with linear com-
binations of the contrast pulse distributions and are plotted in figure 6.35 and figure 6.36. The
corresponding decay constants of the exponential decay trend lines fitted to the contrast bolus

concentration curves are summarised in table 6.6.
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Figure 6.35: Cycle-averaged contrast bolus residence and decay for the high flow rate simulation
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Figure 6.36: Cycle-averaged contrast bolus residence and decay for the low flow rate simulation

Table 6.6: Ezxponential decay time constants for the ‘High Q)°, ‘Low Q’, and original simulations

SIMULATION EXPONENTIAL CONTRAST DECAY CONSTANT
Initial 0.560 5!
High Q 0.903 5!
Low Q 0.362 57!

The contrast residence curve shapes seen in figure 6.35 and figure 6.36 are similar to the curves
generated in previous simulations, with the exception of the decay portion of the ‘High Q’ case,
which appears more linear than exponential. The contrast infiltration rate of the ‘High Q’
simulation is slightly higher than in previous simulations, taking approximately 0.7 seconds to
reach peak contrast concentration. In the ‘Low Q’ case, peak concentration is reached in around
1.0 second. This variation is attributed to the dramatically different rates of parent vessel flow
between the simulations, which leads to proportionally increased or decreased aneurysm inflow
rates and hence, contrast inflow rates. As such, the decay rates of the two simulations also differ

substantially due to the large difference in average aneurysm inflow.

Figure 6.37 and table 6.7 show the instantaneous aneurysm inflow rate across the cardiac cycle
for the original, high flow rate, and low flow rate simulations. The average aneurysm inflow
rate shows a 47.6% increase as a result of the 50% increase in parent vessel flow for the ‘High
Q’ case and a 32.5% decrease as a result of the 50% decrease in parent vessel flow for the ‘Low
Q’ case. The corresponding 61.3% increase and 35.4% decrease in simulated contrast decay

constant would suggest that the average rate of contrast washout and the average aneurysm
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Figure 6.37: Aneurysm inflow across the cardiac cycle for the original, high flow rate, and low flow
rate simulations

inflow are strongly linked. Additionally, the high range of instantaneous aneurysm inflow in the
‘Low Q' case (approximately 4x the mean flow rate) is likely the cause of the large variation in

contrast pulse decay rate with cardiac cycle position that is seen in figure 6.36b.

Table 6.7: Mean and range of aneurysm inflow for the original, high and low inflow simulations

SIMULATION MEAN INFLOW INFLOW RANGE
Initial 25.2 ml/min 53.0 ml/min
High Q 37.2 ml/min 66.4 ml/min
Low Q 17.0 ml/min 67.1 ml/min

The evolution of the maximum and mean aneurysm inflow velocities for both ‘High Q’ and ‘Low

@’ simulations are plotted in figure 6.38.

From figure 6.38, it is clear that with a small number of exceptions, both peak and mean inlet
velocity scale with parent vessel flow rate: the largest values of mean and maximum velocity are

seen in the ‘High Q’ simulation and the smallest values are seen for the ‘Low Q’ case.

Variation in aneurysm flow pattern is seen between the ‘High Q' and ‘Low Q’ simulations.
Figure 6.39 shows aneurysm flow at a high flow rate is dominated by a single vortex with a core
of fast-moving flow penetrating deep into the aneurysm dome. In the low flow rate simulation,
a dominant counterclockwise vortex occupies the main aneurysm dome, with a small clockwise-

rotating vortex at the aneurysm tip. There appears to be a marked lack of flow circulation in
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Figure 6.38: Velocity magnitude at the aneurysm neck for the initial ‘No Device’, ‘High @Q’, and ‘Low
Q’ simulations

High Flow Rate Low Flow Rate

Figure 6.39: Different degrees of flow infiltration and vortex position in the ‘High Q’, and ‘Low @’
simulations at mean parent vessel flow rate

the ‘High Q’ simulation: flow enters the aneurysm dome along the distal edge, there is an area of
impingement at the aneurysm tip with some mixing, and flow quickly exits the aneurysm with
very little recirculation. This lack of recirculation in the ‘High Q’ simulation may explain the

rapid and relatively linear contrast decay seen in figure 6.35b.

6.7.4 Summary: The Influence of Parent Vessel Flow Rate

Finally, the contrast bolus decay curve predicted from each simulation is plotted relative to the

experimental contrast decay in figure 6.40.

The relative difference between all three simulated contrast bolus decay curves in figure 6.40
is large, with a range of 10-50% contrast remaining in the aneurysm dome 2.0 seconds after
peak concentration. The spread of the ‘High Q’ and ‘Low Q’ decay curves about the original

simulation is relatively symmetric; a 50% increase in parent vessel flow rate results in a 61.3%
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Figure 6.40: Fxperimental and simulated contrast concentration decay, including ‘High @’ and ‘Low @’
simulations

increase in contrast decay rate and a 50% decrease in parent vessel flow rate leads to a 35.4%
decrease in contrast decay rate. Contrast decay rate and parent vessel flow rate are plotted in

figure 6.41, and a linear trend line assuming the two measures are directly proportional is fitted

with good accuracy.
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Figure 6.41: Contrast decay rates for all three simulations (‘No Device’, ‘High Q’, and ‘Low Q’)
conducted at different parent vessel flow rates

From the decay curves in figure 6.40, it appears that a simulation adopting a parent vessel flow

rate between the human ICA mean of the original simulation and the human CCA mean of the
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‘High Q’ case would result in a contrast decay curve similar to that obtained experimentally.
Thus, assuming the linear relationship described in figure 6.41 and a cardiac profile similar to
the human ICA/CCA, a mean parent vessel flow rate of around 290ml/min would mimic the

contrast decay rate of the in-vivo model (0.758 s71).

For comparison, the in-vivo experimental parent vessel flow rate may be approximated by track-
ing the movement of the injected contrast front through the vasculature. For all four exper-
imental aneurysm cases the approximate velocity of contrast transport is estimated between
consecutive angiographic images, which is repeated in two separate measurements for each ge-
ometry. This results in eight individual estimates of parent vessel flow velocity, from various
points in the cardiac cycle, across the four experimental aneurysms. Assuming a poiseuille flow
profile, these estimates of flow velocity correspond to a range of parent vessel flow rates of 202-
516 ml/min and a mean flow rate of 296ml/min, values that give strong support to the simulated
flow rate of 290 ml/min, which was predicted to result in a virtual contrast decay rate equal to

that seen experimentally.

Given the relatively large range of contrast decay rate seen across simulations conducted with
variable parent vessel flow rate, it is apparent that estimates of parent vessel flow rates are a
substantial source of error in virtual contrast models. The difference between the experimental
contrast decay rate observed in-vivo and the rate predicted by the in-silico model of section 6.4
is most likely due to such a modelling discrepancy, with the true parent vessel flow rate being

underestimated in-silico.

6.8 Chapter Conclusions: Evaluating the Virtual Contrast Model

In this chapter, a virtual contrast model has been proposed and evaluated. The model is built on
the principle of simplifying the presence of an angiographic contrast as a scalar quantity that is
transported in the blood, in a similar manner to dye particles. Despite the potential errors of this
assumption, the agreement between the experimental and simulated aneurysm contrast washout
is good. Sources of modelling error discussed in the literature, such as the mismatch between
blood and contrast viscosity and density, have been quantified, with their effect on predicted

contrast decay rate shown in figure 6.42 and table 6.8. The sensitivity of the virtual contrast
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decay rate to changes in parent vessel flow rate, a factor unrelated to the scalar assumption, was

also investigated.
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Figure 6.42: Contrast residence and decay curves for experimental and all cycle-averaged simulations

Table 6.8: FEzxponential decay constants: experimental and all cycle-averaged simulations

EXPONENTIAL CONTRAST DECAY CONSTANT

in-vivo 0.758 s
Initial Simulation 0.560 s
High Re Simulation 0.552s"
Low Re Simulation 0.677 s
High Q Simulation 0.903 57!
Low Q Simulation 0.362 5!

Localised changes in blood-contrast mixture have been modelled with densities and viscosities
typical of the range of angiographic contrast agents that are commercially available. These prop-
erties result in a range of changes in effective Reynolds number: a Reynolds number increase of
57% corresponds to a decrease in simulated contrast decay rate of 1.4%, and a 61% decrease in
local Reynolds number results in a 21% increase in contrast decay rate. Such a range of decay
rate is considered insignificant and within the scatter of the results obtained experimentally.
Additionally, if the density and viscosity of the contrast agent used experimentally are incor-
porated into the simulation, no noticeable change in contrast decay rate is observed. However,
density and viscosity mismatch effects, where local gradients of viscosity and density result in
flow regime changes, have not been modelled and may still contribute significantly towards errors

between real and virtual contrast models.
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Discrepancies in fluid density and viscosity have been shown to result in significant differences
in aneurysm flow pattern. Such differences may be observed visually from contrast infiltration
and decay patterns. Flow entering the aneurysm dome with a pronounced jet (characterised by
a high ratio of maximum to mean inlet velocity) has been shown to penetrate further into the
aneurysm dome, increasing the contrast residence time, and decreasing the contrast decay rate
for constant aneurysm inflow. However, even when no contrast density or viscosity properties
are incorporated into the model, the visual correspondence is good between the contrast jetting

and circulation seen in-vivo and in virtual angiograms generated from the model.

The effect of parent vessel flow rate on changes in contrast decay rate was also investigated.
Simulations conducted with a 50% decrease in parent vessel flow rate resulted in 35.4% de-
crease in contrast decay rate, whereas a 50% increase in parent vessel flow rate was found to
correspond to a 61.3% increase in contrast decay rate. These changes are attributed to higher
rates of aneurysm inflow increasing flow velocities throughout the aneurysm dome and reducing
the average residence times. Any changes in contrast residence time related to flow jetting or
differences in aneurysm flow pattern appear insignificant when compared to the effect of parent

vessel flow rate.

The presence of an angiographic catheter in a vessel lumen has been shown to significantly reduce
the vessel flow rate, compared to the un-obstructed vessel. Consequently, angiographically ob-
tained in-vivo aneurysm washout data may not be representative of typical flow conditions. This
fundamentally challenges the validity of using angiography as a clinical gold-standard of ‘typical’

physiological flow conditions against which any virtual contrast model must be verified.

Finally, the predicted contrast decay rate of the ‘No Device’ simulation conducted in this chap-
ter underestimates the experimentally observed rate by around 26%. This underestimate is
attributed to incorrect estimation of the parent vessel flow rate alone. Linear interpolations
of decay rate varying with parent vessel flow rate suggest that a simulated inflow of approxi-
mately 290 ml/min (an increase of around 26% from the ‘No Device’ simulation) would match
the predicted decay rate to that seen experimentally. Angiographically measured estimates of
experimental parent vessel flow rate suggest a mean in-vivo flow rate of 296 ml/min, which

validates the linear interpolation of vessel flow rate and contrast decay constant.
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Chapter 7

Applying the Virtual Contrast Model
to Flow-Diverter Treatment in Animal

Models

In this chapter, the virtual contrast model developed in chapter 6 is applied to an aneurysm
geometry with a flow-diverter device deployed. A novel flow-diverter device is deployed in exper-
imental swine aneurysms, and the resulting contrast residence curve is calculated in section 7.2.
Virtual contrast residence is simulated for the post-deployment aneurysm geometry in section 7.3
with the calculation of the change in contrast decay rate after device deployment and the genera-
tion of virtual angiography. The effects of both parent vessel straightening and partial aneurysm
thrombosis after device deployment are investigated in section 7.4. Finally, simulated contrast
residence changes due to device deployment are compared to the in-vivo changes seen experimen-

tally in section 7.5.

7.1 Introduction

Angiographic contrast may be employed clinically to immediately assess the success of an
aneurysm treated with a flow-diverter. The aneurysm is first highlighted prior to device place-

ment with a bolus of contrast. This imaging may then be compared to the equivalent bolus of
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contrast injected after device deployment; greater reduction in contrast infiltration and in the

rate of contrast decay is associated with more effective aneurysm occlusion.

Thus, the advantage of accurately simulating contrast washout changes due to the placement of
a device is clear. Simulated treatment may be validated with in-vivo angiography of a previous
procedure with a current flow-diverter design, and many novel device designs may be used to
virtually treat an aneurysm to ascertain whether alternative treatment options could be more
successful. To this end, the virtual contrast model developed in the previous chapter is integrated

into a model of an aneurysm after treatment with a flow-diverter.

7.2 In-vivo Flow-Diverter Deployment

7.2.1 Experimental Protocol

Two of the created aneurysms discussed in the previous chapter (experimental aneurysms 2 and
4) are subsequently implanted with a novel flow-diverter device. Both devices used are identical
to ‘Stent III’ in chapter 3 and placed with the mesh in a ‘diverging’ orientation to the flow
direction using the same experimental protocol discussed in chapter 6. Within a few minutes of
device placement, 3D rotational angiography is performed on one aneurysm. The 3D imaging
is segmented in Osirix. The resulting 3D reconstruction is shown in figure 7.1 and compared to
the same geometry prior to device deployment. From the figure, it is clear that a fraction of the
aneurysm dome has already thrombosed in the few minutes between device deployment and 3D
scan acquisition. Clear vessel straightening after device deployment is also visible between the

two 3D geometries.

Conventional 2D DSA is also performed on each of the two treated aneurysms to assess the
degree of aneurysm thrombosis approximately 10 minutes after device deployment. Substantial
reduction in contrast infiltration is seen in both geometries, compared to the same geometries

with no device deployed, as shown in figure 7.2.

The lack of contrast infiltration along the upper edge of both aneurysm domes supports the

possible partial thrombosis seen in the 3D reconstruction of figure 7.1.
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NO DEVICE

WITH DEVICE

Figure 7.1: Reconstructions based on 3D angiography before and after flow-diverter deployment

Experimental Aneurysm 2 Experimental Aneurysm 4

Figure 7.2: Reduced contrast infiltration is seen in both aneurysms after flow-diverter device deployment

7.2.2 Contrast Decay

The corresponding contrast decay after device deployment for aneurysm 2 is shown in figure 7.3,
with almost identical behaviour seen for aneurysm 4. Consistently in both cases, no contrast

infiltration is seen along the upper edge of the aneurysm.

The relative contrast concentration within the aneurysm dome of both treated aneurysms is

calculated, as previously detailed in section 6.3 of chapter 6. Experimental contrast residence
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Figure 7.3: Contrast infiltration and decay after device deployment. Images are separated by 0.4 seconds.

curves following device deployment are plotted in figure 7.4. The decay portion of both curves

is plotted in figure 7.5.
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Figure 7.4: Contrast washout curves for both experimental aneurysms implanted with a flow-diverter
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Figure 7.5: Decay portions of the experimental contrast residence curves with an exponential decay
trend line fitted

Despite substantial visual differences between the degree of contrast infiltration before and af-

ter the device placement, figure 7.5 indicates that the actual rate of contrast decay decreases
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only slightly after device deployment; the exponential decay constant decreases from 0.764 s~!

(calculated in section 6.3) to 0.544 s~! after device deployment.

7.3 In-silico Flow-Diverter Deployment and Contrast Modelling

7.3.1 Simulation Setup

The post-deployment 3D geometry shown in figure 7.1 is virtually implanted with a flow-diverter
model identical to that used experimentally and shown in figure 7.6 below. The device is
manually expanded into the aneurysm geometry with a final orientation consistent with post-
mortem resections of the experimental aneurysm geometries. To reduce mesh size and improve
computational efficiency, the device is trimmed longitudinally once positioned so as to only

occupy an area of the vasculature in the region of the aneurysm neck.

(a) (b)

Figure 7.6: Flow-diverter device used experimentally (a) and the same device modelled virtually (b)

Good visual and quantitative similarity is seen in contrast residence between both experimental
aneurysm geometries implanted with the flow-diverter device. As such, only one representa-
tive geometry is used for computational simulations, which increases computational efficiency
and matches the rationale used in the previous chapter for the modelling of the ‘No Device’

experimental aneurysms.

The representative geometry with the flow-diverter device deployed is meshed with identical
parameters to those detailed in section 6.4 of the previous chapter. This yields a computational
model with a mesh size of 4,370,000 elements. Transient flow simulations are performed with
the same boundary conditions and solver parameters as previous ‘No Device’ simulations in
section 6.4. An inlet velocity condition typical of the human ICA is again prescribed, and the
same arrangement of eight independent contrast pulses is applied at the geometry inlet after

two full cardiac cycles. Convergence is achieved in approximately 40 minutes per time step and
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typically in under 100 iterations.

7.3.2 Simulation Results

Simulated flow streamlines at mean parent vessel flow rate for the ‘With Device’ geometry are
shown in figure 7.7. It is clear that the flow-diverter placement dramatically changes the flow
pattern within the aneurysm dome; the elongated vortex present in the ‘No Device’ case is
eliminated and replaced with a smaller, slower and less-coherent vortex positioned closer to the

aneurysm neck.

WITH DEVICE

0 0.50

Figure 7.7: Simulated flow streamlines in the ‘With Device’ case at mean parent vessel flow rate

Flow appears to enter into the ‘With Device’ aneurysm dome with a relatively uniform distri-
bution and velocity, and does not exhibit the concentrated distal jet visible in the ‘No Device’
case. Most of the blood entering the aneurysm appears to do so in the middle-portion of the
neck and leaves in the distal portion; some circulation can be seen in the distal area of the
neck and towards the centre of the aneurysm dome. The flow-diverter device results in a mean
aneurysm inflow reduction of 73.8% and a range over the cardiac cycle of 41.4-76.9%. It is
apparent that the vessel-straightening effect of the device also contributes to reduced aneurysm

inflow by reducing the non-longitudinal velocity components at the aneurysm entrance.

The value of each of the eight independent contrast pulses is exported for every fourth time
step and plotted in figure 7.8. The overall pattern of the contrast residence differs substantially
from that seen across all five variations of the ‘No Device’ simulation in the previous chapter; a

secondary peak in contrast value is present in the three pulses released in the second half of the
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Figure 7.8: Absolute value for all eight contrast pulses in the With Device geometry

cardiac cycle (Pulses 5-7). This effect appears to be the result of contrast that is ‘trapped’ in the
low flow-speed region at the proximal end of the aneurysm neck and retained by the flow-diverter
mesh as shown in figure 7.9. The contrast is progressively drawn out of and into the aneurysm

dome by the sudden changes in parent vessel flow rate from systole to diastole.

t=2.60 s

PULSE 7

E =

0.0 1.0

Figure 7.9: FEvolution of Pulse 7 for the ‘With Device’ simulation in the proximal region of the aneurysm
neck. The contrast pulse concentration is shown at times 2.60 seconds (systole), 2.80 seconds (diastole),
and 3.00 seconds

The contrast residence curves of all eight contrast pulses are plotted in figure 7.10a. Considerable
variation can be seen in the inflow portion of the curves, especially when compared to the same

pulse distributions with ‘No Device’. Due to the position of Pulse 1 (and a lesser degree Pulses
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2 and 3) in the cardiac cycle almost all of the contrast enters the aneurysm dome quickly during
the fast and accelerating flow of peak systole; the contrast is washed into the aneurysm in
one coherent volume, similar to the action of the ‘No Device’ case. All other contrast pulses
occur at points in the cardiac cycle with regions of slow or decelerating flow and as such contrast
enters the aneurysm dome in a more varied fashion, and with more viscosity-dominated creeping
flow, leading to a dramatically different infiltration profile. The double-peak variation seen for
some pulses is likely the result of a portion of the contrast quantity leaving and re-entering the
aneurysm dome by the mechanism shown in figure 7.9. The characteristic waveform of peak
systole is evident in much of the variation seen. This confirms that sudden increases in contrast
concentration are occurring at peak flow rate, which suggests that what little contrast does enter

the aneurysm does so under the higher flow rate of peak systole.
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Figure 7.10: Relative contrast residence and decay for all eight contrast pulses in the ‘With Device’
geometry

The decay portion of the contrast pulse residence curves is plotted in figure 7.10b with a fitted
exponential decay curve yielding a decay constant of 0.671s~!. The large degree of scatter about
the mean pulse decay rate, especially in the early portion of the decay, is due to the contrast

re-entry behaviour seen.

A cycle-averaged contrast bolus residence curve is generated from a linear combination of the
contrast pulse residence traces and is plotted in figure 7.11a. The decay portion of the curve is
also plotted in figure 7.10b, where an exponential decay trend line is fitted. Contrast re-entry

behaviour similar to that seen in figure 7.8 and figure 7.9 is apparent in the first 0.8 seconds
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Figure 7.11: Cycle-average contrast bolus residence and decay in the ‘With Device’ geometry

of the simulated contrast decay trace. Initially, contrast moves out of the aneurysm dome for
the first 0.3 seconds of the decay curve (systole to diastole), but the contrast is retained in the
low-flow area below the aneurysm entry plane and adjacent to the flow-diverter. This contrast,
in addition to the contrast already residing in the low-flow region, is then washed back into the
aneurysm dome between approximately 0.3 and 0.5 seconds of the decay trace before once more

washing out of the aneurysm dome.
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Figure 7.12: Simulated instantaneous aneurysm inflow with and without a flow-diverter device deployed

The instantaneous aneurysm inflow rate for the ‘With Device’ simulation is plotted in figure 7.12

alongside the corresponding inflow when no flow-diverter device is present. The average and
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Table 7.1:  Aneurysm Inflow With and Without a Flow-Diverter Deployed

SIMULATION MEAN INFLOW INFLOW RANGE
No Device 25.2 ml/min 53.0 ml/min
With Device 6.39 ml/min 34.8 ml/min

range of inflow experienced is summarised in table 7.1. It is apparent that the flow-diverter
device consistently reduces the instantaneous inflow by a around 80% for the majority of the

cardiac cycle but that this flow reduction drops to around 45% at peak systole.
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Figure 7.13: Mazimum and mean aneurysm inlet velocity with and without device (in-silico)

The mean and maximum aneurysm inlet velocity distributions over one cardiac cycle both before
and after device placement are plotted in figure 7.13. From the figure, it appears that the
action of the device is both to reduce the mean inlet velocity by around 50-75% consistently
over the cardiac cycle and also to substantially reduce peak velocities, thereby creating a more
diffuse inflow jet—reinforced by the diffuse velocity distribution seen in figure 7.7. This effect is
confirmed by the substantially lower ratio of maximum to mean aneurysm inlet velocity for the

‘With Device’ geometry (3.68) compared to the ‘No Device’ geometry (7.23).

Finally, the absolute quantity of simulated contrast that infiltrates the aneurysm dome with
and without a device deployed is summarised in figure 7.14. The peak contrast volume in the
aneurysm is reduced by around 85% following device deployment, which suggests an almost direct
correspondence between average aneurysm inflow reduction and peak aneurysm concentration

reduction. From figure 7.14 it is also clear that while relative contrast decay rate decreases after
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Figure 7.14: Total contrast volume in the aneurysm dome with and without a device deployed

device deployment, changes in the rate of contrast infiltration are not detected, with a similar

time to peak contrast infiltration of around 0.8 seconds in both cases.

7.4 Accounting for Partial Thrombosis of the Aneurysm

Both the simulated and experimental contrast decay rates seen in the previous section represent
a scenario where substantial aneurysm thrombosis has already occurred, as is evident from the
dramatic change in aneurysm volume visible in figure 7.1. In order to quantify the effect of
flow-diverter placement in the absence of any subsequent remodelling of the aneurysm dome,
the ‘With Device’ simulation is repeated, but with the flow-diverter device placed in the original
‘No Device’ aneurysm geometry. Thus, an approximation to the instant after the flow-diverter
device is deployed and before any thrombosis has initiated may be made to investigate the

changes in hemodynamic environment due to the device presence alone.

In the absence of a distensible vessel wall model, which would capture the vessel-straightening
seen following device deployment, the flow-diverter device is deployed into the ‘No Device’
aneurysm geometry assuming a perfectly rigid vessel wall. As such, the flow-diverting effect

of the device is likely to be underestimated, as discussed in section 7.3.2.

The geometry with the flow-diverter device deployed is trimmed and meshed as previously
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Figure 7.15: Flow streamlines at mean flow for the ‘No Device’ geometry with a flow-diverter deployed

detailed, resulting in a mesh size of 4,980,000 cells. Convergence is reached in approximately
45 minutes per time step and in less than 100 iterations. The corresponding flow streamlines
at mean parent vessel flow rate are shown in figure 7.15. The flow pattern within the aneurysm
dome is broadly similar to the ‘With Device’ geometry, but a stronger secondary vortex is
visible in this case around the centre of the aneurysm dome. As in the ‘With Device’ geometry
(figure 7.7), the majority of the flow entering the aneurysm dome does so at the proximal portion
of the aneurysm neck before leaving in the distal portion. Although a small number of flow
streamlines can be seen entering the aneurysm distally and forming the secondary vortex, most
of the flow in the secondary vortex results from flow entering proximally and moving distally to
form a weak jet at the distal aneurysm wall. The placement of the flow-diverter device results
in a mean flow reduction of 35.6% with a range over the cardiac cycle of 11.5-62.0%, which is
substantially lower than the corresponding flow reduction predicted using the straightened and

partially thrombosed ‘With Device’ geometry.

The absolute value of each contrast pulses is extracted at every fourth time step and plotted
in figure 7.16. The pattern on of contrast infiltration and decay seen in the figure more closely
resembles the traces seen in previous ‘No Device’ simulations than the equivalent plot for the
partially thrombosed geometry with a flow-diverter deployed. No ‘double-peak’ behaviour like
that of figure 7.8 is seen in this geometry and device combination, which suggests the previously
discussed phenomena of contrast entering, exiting and re-entering the aneurysm dome in the

region of the flow-diverter device is not evident in this case.
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Figure 7.16: Total absolute value for all eight contrast pulses in the ‘No Device’ geometry with a
flow-diverter deployed
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Figure 7.17: Relative residence and decay for all eight contrast pulses in the ‘No Device’ geometry with
a flow-diverter deployed

The relative contrast pulse residence curves are plotted in figure 7.17a, and the corresponding
decay portions of the curves are plotted in figure 7.17b with an exponential trend line fitted and

a corresponding exponential decay constant of 0.831 s

Once again, considerable variation is seen in contrast pulse infiltration rate, with a time to peak
contrast concentration of 0.2-0.6 seconds. The scatter of the contrast decay about the mean
decay trend line is also considerable. The decay traces in figure 7.17b appear to divide into two

distinct groups: Pulses 2-7 all show a decay constant similar to the mean trend line value, but
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Pulses 1 and 8, which both exhibit the greatest volume of contrast infiltration, show a much
slower rate of decay. The split of the pulses into these two groups with different approximate
rates of decay results in the poor coefficient of determination (R?=0.541) for the trend line
fitted to the contrast pulse decay. This suggests a flow pattern previously discussed, whereby
the contrast pulses that are washed into the aneurysm dome around peak systole (Pulses 1 and

8) are forced deeper into the aneurysm with a longer residence time and hence, slower decay

rate.
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Figure 7.18: Contrast bolus residence and decay in the ‘No Device’ geometry with a flow-diverter
deployed

Cycle-averaged contrast bolus residence and decay curves are constructed from the contrast
pulse traces, as previously discussed, and plotted in figure 7.18. An exponential decay curve is

fitted to the contrast decay and yields a decay constant of 0.579 s~!.

Such a decay constant
is considerably lower than the corresponding average contrast pulse decay constant (plotted
in figure 7.17b), which confirms that the contrast decay behaviour is dominated by contrast
washed into the aneurysm dome around peak systole with a correspondingly lower decay rate.
It is interesting to note that this contrast decay rate is higher than the corresponding ‘No Device’

contrast decay rate (0.560 s~!) despite the average aneurysm inflow being reduced by 35.6% after

the flow-diverter is deployed.

Instantaneous aneurysm inflow rate for the ‘No Device’ geometry implanted with a flow-diverter
is plotted in figure 7.19 in addition to the flow rates for the ‘No Device’ and ‘With Device’

simulations. The graph shows that the aneurysm inflow for the ‘No Device’ geometry implanted
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Figure 7.19: Simulated instantaneous aneurysm inflow with and without a flow-diverter device deployed
in both the with and without device geometries

with a flow-diverter falls approximately between the ‘No Device’ and ‘With Device’ cases except
at peak systole. At peak systole, the instantaneous aneurysm inflow for the ‘No Device’ geometry
implanted with the flow-diverter is around 90% of the inflow seen for the ‘No Device’ geometry.
Given the similarity between these inflow rates alongside the vast difference in the degree of
flow penetration into the aneurysm at peak systole for both simulations (figure 7.20), it becomes

clear why the contrast residence time may actually be shorter after the device is placed.

' No Device Geometry
No Device With Device Deployed

Figure 7.20: Flow pattern at peak systole for the ‘No Device’ simulation and the No Device geometry
implanted with a flow-diverter device

The corresponding mean and maximum aneurysm inlet velocity is plotted in figure 7.21 alongside
the distributions for the ‘No Device’ and ‘With Device’ simulations. A similar pattern to the
inflow graph of figure 7.19 emerges: implanting a flow-diverter in the ‘No Device’ geometry
significantly reduces both mean and maximum aneurysm inflow velocities over the cardiac cycle

except at peak systole where the device has almost no effect. The average ratio of maximum to
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Figure 7.21: Maxzimum and mean aneurysm inlet velocity with and without a flow-diverter device
deployed in both the with and without device geometries

mean inlet velocity for the ‘No Device’ geometry with a flow-diverter deployed is 4.25, similar

to the 3.68 seen in the ‘With Device’ simulation and markedly lower than the 7.23 recorded in

the ‘No Device’ simulation.

7.5 Comparing the Effect of Device Deployment: in-silico and

IN-VIVO0
7.5.1 The ‘No Device’ and ‘With Device’ Cases

The changes seen between the ‘No Device” and ‘With Device’ simulations may be compared to the
corresponding experimental imaging of the aneurysm with and without a flow-diverter deployed.
Both the experimental and simulated contrast decay curves for the aneurysm geometry with and
without a flow-diverter deployed are plotted in figure 7.22. The corresponding decay constants
of the exponential trend lines fitted to each decay curve are summarised in table 7.2.

Table 7.2: Ezperimental and simulated contrast decay rates

EXPONENTIAL CONTRAST NoO DEVICE | WITH DEVICE | REDUCTION
DECAY CONSTANT
Experimental 0.758 ! 0.544 ¢! 28.2%
Simulated 0.560 s°! 0.436 s 22.1%
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Figure 7.22: Comparing experimental and simulated contrast decay with and without device

From figure 7.22, it is clear that for the ‘No Device’ and ‘With Device’ cases the simulated
contrast washout underestimates the experimental contrast decay rate by around 20-25% in
both cases. With no device deployed, approximately 22% and 33% of peak contrast remain after
2.0 seconds in the experimental and simulated models respectively. Once the device is deployed,
around 34% and 42% of the peak contrast concentrations remain after 2.0 seconds for the
experimental and simulated cases respectively. As discussed in the previous chapter, the general
underestimation of contrast decay in the simulated aneurysm geometry is likely attributed to an
underestimate of the mean parent vessel flow rate (chosen to equal the human ICA) compared to
the actual rate experienced in the experimental porcine CCA. The relative reduction in contrast
decay rate due to device deployment seen experimentally is also underestimated by around 20%

(22.1% vs. 28.2%) for the simulated contrast model.

The simulated and experimental contrast infiltration and decay after a flow-diverter device
has been deployed is visualised with virtual angiography in figure 7.23. For comparison, the
corresponding real and virtual angiography for the aneurysm geometry with no device deployed

are also repeated from chapter 6 in figure 7.24.

From figure 7.23, it is clear that the pattern of aneurysm contrast infiltration differs between
the experimental and simulated geometries. Contrast entering the simulated geometry appears
to do so as both a relatively uniform bolus across the whole aneurysm neck and as a small jet at

the extreme distal point of the aneurysm neck. However, in the experimental case, also shown in
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Figure 7.23: Virtual and in-vivo angiography (images taken at 0.40 second intervals from peak contrast
concentration) with a flow-diverter device deployed. Images are aligned to the peak aneurysm contrast
concentration at 0.80 seconds

figure 7.23, aneurysm contrast infiltration after device placement is dominated by the jet entering
at the distal end of the aneurysm neck. But a small degree of contrast infiltration can be seen

in the proximal portion of the experimental aneurysm neck at a time of 0.40 seconds. Contrast
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Figure 7.24: Virtual and in-vivo angiography (images taken at 0.40 second intervals from peak contrast
concentration) with no device deployed. Images are aligned to the peak aneurysm contrast concentration
at 0.80 seconds

infiltrates almost the full length of the experimental aneurysm, but no significant flow circulation
behaviour is visible unlike the experimental geometry with no device deployed (figure 7.24). In

the simulated ‘With Device’ case, however, contrast only infiltrates approximately 1/ 37 of the
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way into the aneurysm dome.

The mechanism of contrast washout seen in figure 7.23 is complex in both the experimental
and simulated cases. The rate of experimental contrast decay in the aneurysm is greatest at
the aneurysm tip and in the proximal portion of the aneurysm neck. This decay behaviour is
the reverse of that seen in the experimental ‘No Device’ contrast washout (figure 7.24), where
decay is driven from a concentrated jet in the distal portion of the aneurysm dome—the region
that is slowest to clear once the device has been deployed. The simulated contrast decay seen in
figure 7.23 appears to be driven by relatively uniform flow entering around the mid-portion of
the aneurysm neck as well as by a small jet of flow entering at the distal edge of the aneurysm
neck. This leads to contrast being ejected from the aneurysm dome in the area between these

two inflow regions, clearly visible at a time of 2.40 seconds in figure 7.23.

With Device
(230ml/min)

With Device
(290ml/min)

With Device
(290ml/min, Re Number +23%)

Figure 7.25: Effect of increased mean parent vessel flow rate and Reynolds number (consistent with a
50% concentration of Omnipaque 240) on aneurysm flow pattern

Despite the large visual differences in contrast distribution resulting from both experiment and

simulation seen in figure 7.23, it is interesting to note that both cases show a high rate of
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contrast infiltration at the distal neck area of the aneurysm dome but a very low rate of contrast
decay in the same region. This effect is unlikely to be due to the difference in experimental
contrast and blood viscosity, which only amounts to a discrepancy of around 10%. Instead, as
previously discussed in chapter 6, it is likely that the the parent vessel flow rate assumed in
the ‘With Device’ simulation underestimates the flow rate seen in-vivo by around 20%. Given
the relatively large changes in aneurysm flow pattern due to variation in parent vessel flow rate,
which were previously shown in figure 6.39, it is likely that the variation between simulated and
experimental contrast distribution seen in figure 7.23 is also attributed to differences in flow

rate.

The relative influence of both parent vessel flow rate and localised viscosity and density changes
on the ‘With Device’ simulation are shown in figure 7.25. In the figure, results are shown
for steady state simulations at the increased parent vessel flow rate of 290 ml/min (previously
discussed as being more representative of in-vivo conditions) and with increased local Reynolds
number due to experimental contrast properties. These cases are shown alongside the flow
pattern experienced by the same geometry at the original simulated mean flow rate of 230ml/min.
From the figure, it is clear that increases in parent vessel flow rate have a substantially greater
effect on aneurysm flow patterns when compared to similar sized increases in local Reynolds

number attributed to contrast properties.

7.5.2 The ‘With Device’ and ‘No Device Geometry With Device’ Cases

Virtual deployment of the flow-diverter device in a rigid geometry derived from experimental
imaging prior to flow-diverter deployment results in a 3.4% increase in contrast decay rate, as

shown in figure 7.26.

Virtual angiography for the ‘No Device Geometry With Device’ case is generated, as previously
detailed, and is shown in figure 7.27 alongside in-vivo angiography of the experimental angiogra-
phy after device deployment. The action of the simulated contrast infiltration appears similar to
the ‘With Device’ case (figure 7.23) whereby contrast enters the aneurysm dome both relatively
uniformly across the central portion of the aneurysm neck and as a concentrated jet at the distal

extreme of the aneurysm neck. The fraction of contrast entering the aneurysm via this concen-
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Figure 7.26: Comparing experimental and simulated contrast decay with and without device

trated jet appears greater in this case than in the ‘With Device’ simulation, which results in
simulated contrast penetrating deeper into the aneurysm dome. This deeper contrast penetra-
tion is focused along the distal wall of the aneurysm and results in a virtual contrast distribution
more similar to that seen experimentally. Simulated contrast washout again occurs by the same
mechanism of a broad inflow at the centre of the aneurysm neck and a concentrated distal jet,

which leads to a pattern of contrast ejection similar to the ‘With Device’ simulation.

The respective flow pattern streamlines at mean and maximum parent vessel flow are indicated
for both the ‘With Device’ and ‘No Device Geometry With Device’ cases in figure 7.28. The
difference between the flow patterns seen in the figure is substantial: flow penetrates much further
into the aneurysm dome for the ‘No Device Geometry With Device’ simulation, especially at
mean flow rate. This additional flow penetration is likely to be the driver behind the higher
degree of contrast penetration seen in figure 7.26. Interestingly, at peak flow rate, the two
simulated flow patterns become more similar and are characterised by more chaotic flow close

to the aneurysm neck and limited flow penetration deeper into the aneurysm dome.

The increased flow penetration seen for the ‘No Device Geometry With Device’ simulation
correlates with a simulated rate of aneurysm inflow approximately halfway between the ‘With
Device’ and ‘No Device’ cases. A significant portion of this increased inflow is attributed to

the lack of parent vessel straightening in the ‘No Device Geometry With Device’ geometry,
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Figure 7.27: Virtual and in-vivo angiography (images taken at 0.40 second intervals from peak contrast
concentration) with a flow-diverter device deployed in the ‘No Device’ geometry compared to the experi-
mental case after device deployment. Images are aligned to the peak aneurysm contrast concentration at
0.80 seconds

whereby the localised narrowing of the undeformed geometry parent vessel at the aneurysm
neck deflects flow distally into the aneurysm in a similar fashion to that seen in the ‘No Device’

simulation. Despite this, it is noteworthy that the degree of flow penetration seen for the ‘No
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Figure 7.28: Overlapped flow patterns within the aneurysm dome with a flow-diverter deployed for the
‘no device’ geometry (blue) and the ‘with device’ geometry (red) at mean and mazimum flow rate

Device Geometry With Device’ case in figure 7.28 is approximately confined to the partially
thrombosed aneurysm dome. Thus, the approximate effect of device deployment, exclusive of
vessel-straightening effects, on initial aneurysm thrombosis could be predicted from the flow

pattern seen in the simulated ‘No Device Geometry With Device’ geometry.

However, in the absence of any validated model of aneurysm thrombosis, this observation is
purely casual. Substantially more robust investigation is needed to ascertain whether the partial
aneurysm thrombosis seen between the ‘No Device’ and ‘With Device’ geometries could be
accurately predicted a priori from a simulation of the ‘No Device’ vessel virtually implanted

with a device alone.

7.6 Conclusions

In this final chapter, the virtual contrast model previously discussed in chapter 6 has been
integrated into a number of CFD simulations to describe the changes seen a matter of minutes
after a flow-diverter device is deployed to treat a sidewall aneurysm. It is clear that this behaviour

is both complex and highly dynamic.
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The simulated rate of contrast decay after device deployment underestimates the rate of decay
seen experimentally by around 20%, with the corresponding relative reduction in contrast decay
rate due to device deployment also underestimated by approximately 22% in the simulated case.
These underestimates are attributed to the simulated parent vessel flow rate underestimating
that seen experimentally by a similar percentage. Specifically, the flow pattern within the
aneurysm dome after device deployment appears more sensitive to parent vessel flow rate than
in the same geometry with no device deployed, at least in the range of flow rates considered
in this study. As such, the visual correspondence between simulated and experimental contrast
washout was reduced compared to the ‘No Device’ case in the previous chapter. This reinforces
a major conclusion from the previous chapter, which asserts that accurate measurement of in-
vivo parent vessel flow rate is vital for accurate simulation and verification of contrast residence

behaviour.

Substantial changes in aneurysm and parent vessel geometry were observed after device de-
ployment in-vivo; such changes present significant challenges to accurately predicting contrast
residence after device placement a priori. Significant variation in aneurysm inflow reduction (=
40%) was observed in simulated geometries and was entirely attributed to the degree of parent

vessel straightening induced by the device.
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Chapter 8

Conclusions and Future Work

This final chapter includes detailed summaries of each aspect of this study, the specifics of the

contribution made to the field, and finally, suggestions of future work.

8.1 Summary

After almost 10 years of clinical use, the basic design of cerebral flow-diverters has remained
entirely unchanged, and the precise mechanisms of successful treatment by flow-diverter are
still unclear. The purpose of this study was to interrogate the effect of cerebral flow-diverter
design on aneurysm flow patterns. Both abstract flow-diverter concepts and specific flow-diverter
mesh designs have been investigated by means of virtual device deployment in patient-specific
aneurysm geometries and subsequent blood flow predicted with CFD methods. Overall, the
subtle complexity of the aneurysm hemodynamic environment is emphasised, with the specific

findings from each of the preceding chapters summarised below.

Chapter 1 set the trajectory of flow-diverter development in the context of the evolution of
endovascular treatment for cerebral aneurysms. Flow-diverter development was summarised, and
the hemodynamically-driven biochemical environment of the cerebral aneurysm was introduced.
Motivation for the study was established with a brief survey of the limited scope of current
clinically used flow-diverter designs, and discussion of the link between complex aneurysm flow

patterns and successful aneurysm isolation by thrombosis was presented.
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A summary of the numerical methods utilised to virtually model the effects of flow-diverter
treatment was given in chapter 2. Initially, the chapter focussed on CFD and specifically the
finite volume method for the solution of blood flow in 3D. Discretisation mesh quality and the
important underlying flow regime features typical of blood flow in the cerebral circulation were
also discussed. The application of pressure and velocity boundary conditions models to patient-
specific aneurysm geometries was introduced and their subsequent application in the study was
clarified. Finally, methods of virtual device deployment were detailed with the introduction of

the fast deployment algorithm, which was subsequently used throughout the study.

In chapter 3, the role of mesh topology in (conventional) cylindrical flow-diverter design was
explored by specifically focusing on the large-scale flow effects introduced by the mesh. Flow-
diverter designs were deployed in idealised and patient-specific aneurysm geometries with flow
reduction and changes in aneurysm flow pattern observed. In idealised geometries, major differ-
ences were observed in the action of woven mesh designs with small, closed pores and laser-cut
meshes with strongly-directional pore shapes. Woven flow-diverter mesh designs were found to
significantly reduce secondary flow features and the vorticity of flow passing through the device,
whereas the orientation of mesh pores in novel device designs was seen to introduce secondary

features into the flow.

When novel and conventional flow-diverter designs were compared in patient-specific aneurysm
geometries, differences in flow reduction and aneurysm flow pattern were observed. Consistently,
over the three aneurysm geometries investigated, variability attributed to flow-diverter mesh de-
sign was seen in aneurysm inflow reduction. Typically this variation in flow-reduction was of
the order of 10%, but in one geometry, MCA, a range of around 35% in aneurysm inflow reduc-
tion was observed due to device mesh design alone. In one aneurysm geometry, device design
was shown to have a more significant effect than mesh porosity on aneurysm inflow reduction.
Substantial differences in aneurysm flow pattern after device deployment, including secondary
flow effects, were also observed across the device designs for this geometry. A large range in
mean aneurysm inflow reduction (~25-80%) was seen across different aneurysm geometries. Wall
shear stress patterns in the aneurysm dome were shown to remain approximately unchanged af-
ter device deployment, regardless of device design or porosity; the magnitude of WSS within the

aneurysm dome scaled approximately with average aneurysm inflow, with reductions around 30-
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60% seen in spatially-averaged aneurysm WSS following device deployment. Overall in chapter
3, flow-diverter mesh design was shown to have a significant effect on aneurysm inflow rate and

aneurysm flow pattern.

The concept of a non-cylindrical flow-diverter device for the dedicated treatment of bifurcation
aneurysms was introduced in chapter 4. Initially devices were modelled in an idealised bifur-
cation aneurysm geometry. When later compared to six patient-specific bifurcation aneurysm
geometries, the idealised geometry was found to be a poor representation of the flow conditions
typically seen in a bifurcation aneurysm. Simulations of the novel device, known as the ‘Sphere’,
deployed in six bifurcation aneurysms in both the ICA and BA suggested the mean aneurysm
inflow reduction achieved by the device fell in the range of approximately 30-70%. The ‘Sphere’
device was shown to substantially alter both the magnitude and distribution of WSS within
the aneurysm dome after deployment. In particular, areas of elevated WSS due to flow jet

impingement were markedly reduced by the device.

Later in the same chapter, the performance of the novel ‘Sphere’ device was compared to the
flow reduction achieved by virtually deploying a conventional flow-diverter design in the same
six aneurysm geometries and jailing one or more daughter vessels. A conventional device was
shown to equal the flow reduction achieved by the ‘Sphere’ in half of the simulated geometries
and outperform the ‘Sphere’ in the remaining cases. Despite large anatomical variation in the
aneurysm geometries investigated, the conventional device produced a relatively constant mean
flow reduction of 50-70% in all cases. Substantial reductions in aneurysm WSS were seen after
conventional device deployment and areas of elevated WSS due to flow jetting were almost

entirely eliminated.

Simulations were conducted with equal, fixed outlet pressure boundary conditions applied to
all bifurcation daughter vessels, whether they remained patent or jailed, following virtual de-
ployment of the conventional flow-diverter device. No significant changes were observed in the
relative proportions of flow exiting each of the respective daughter vessels after device deploy-
ment, suggesting that there is little risk of jailed vessel occlusion immediately following device
deployment. The long-term patency of daughter vessels jailed by conventional flow-diverters
remains unknown. Changes in aneurysm pressure due to deployment of either a novel or con-

ventional flow-diverter device were found to be insignificant.
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In response to a number of flow phenomena observed in the previous two chapters, flow in-
stability within the cerebral aneurysm dome was investigated in chapter 5. In two aneurysm
geometries the lack of convergence in steady state at mean parent vessel flow was investigated.
One geometry showed trivial oscillations that dissipated after around 3000 iterations at steady
state, whereas the second aneurysm geometry exhibited consistent oscillatory behaviour. The
jet of flow entering the aneurysm dome was shown to oscillate at approximately 10Hz under

stationary inlet and outlet boundary conditions.

In the second half of the chapter radically different flow regimes were observed in steady state and
transient simulations under identical inlet boundary conditions. The presence of two equilibrium
flow regimes within an aneurysm dome was detected; one regime was shown to be unstable and
associated with reduced flow momentum in one half of the aneurysm dome whereas the second
stable regime was associated with higher flow momentum. The discrepancy observed between
steady state and transient studies was found to result from the unstable equilibrium solution

meeting the solution convergence criterion, despite the presence of underlying instability.

The unusual flow phenomena observed in chapter 5 reinforce the cautious warning issued by
a growing number of authors in the field: that previous CFD studies of aneurysm flow in the
literature may be under-resolved and that the omission of important but subtle non-linear flow

effects, might have entirely unknown consequences.

In an extension of the analysis of previous chapters, the issue of in-silico flow verification was
interrogated with the development of a virtual contrast model in chapter 6. A virtual contrast
model based on the transport of an independent scalar was implemented and used to calculate
the exponential rate of contrast decay within an aneurysm, and to project simulated contrast
concentrations into virtual angiography. The virtual model was compared to the results of an
experimental study in which four identical sidewall aneurysms were created in a swine model.
The influence of the viscosity and density of the contrast agents used in-vivo on the subsequent
aneurysm flow patterns and contrast decay rate were investigated with the extremes of contrast
properties available commercially. Assuming a simplified model of perfectly mixed contrast
agent, the full range of commercially available contrast properties was shown to have a negligible

effect on the rate of aneurysm contrast decay.
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The influence of parent vessel flow rate on aneurysm contrast decay was also investigated in
the second half of the chapter. Variation in flow rate attributed to both a 50% increase and
decrease in flow was considered with substantial differences in aneurysm contrast washout rate
observed. Additionally, the presence of the angiographic catheter in the aneurysm parent vessel
lumen, which is used to deliver contrast in-vivo, was shown to substantially reduce the parent
vessel flow rate by around 50%. Such a phenomenon challenges the validity of clinically derived

angiography as the ‘gold-standard’ for normal aneurysm flow conditions.

Good visual correspondence between in-vivo and virtual angiography was observed, suggesting
good correspondence between the flow patterns seen experimentally and those predicted by
simulation. Deviation between the aneurysm contrast washout rate predicted from simulations
and that seen experimentally was attributed to an underestimation of the physiologically correct

parent vessel flow rate used in the simulation.

Finally, in chapter 7, the virtual contrast model developed in chapter 6 was applied to the real
and virtual treatment of an animal model aneurysm with a novel flow-diverter device. Two of
the swine model aneurysms discussed in chapter 6 were implanted with a device from chapter
3. Both experimental and simulated contrast decay curves were generated for the aneurysm
geometry before and after device placement. Simulated aneurysm geometries were constructed
from in-vivo imaging acquired before and after device deployment with the imaging after deploy-
ment, showing almost immediate partial-thrombosis of the aneurysm dome. The experimental
aneurysm contrast decay rate is underestimated by the simulations for the aneurysm geometry
both with and without a device deployed. The 28.2% relative reduction in contrast decay rate
seen experimentally following flow-diverter deployment is also underestimated virtually with a
relative reduction in contrast decay of only 22.1%. This error was attributed to the same error
discussed in chapter 6, namely an underestimate of the parent vessel flow rate in the simulated
case. Visually, the pattern of contrast infiltration and decay following device deployment dif-
fers substantially between the experimental and simulated angiography. A brief investigation

revealed high sensitivity of aneurysm flow pattern to changes in parent vessel flow rate.

The immediate effect of flow-diverter placement was also modelled in chapter 7, with the virtual
placement of the flow-diverter device into the geometry acquired from ¢n-vivo imaging prior to

device placement. Hence, this geometry had a device deployed but no thrombosis had initiated.
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The influence of the absence of device-induced vessel-straightening was clear, resulting in a
substantially increased aneurysm inflow rate compared to the virtual geometry extracted from
in-vivo imaging after device deployment. Although the contrast infiltration and decay pattern
seen in this simulated geometry bore close visual similarity to that seen experimentally, the
predicted reduction in simulated contrast decay rate was actually negative and corresponded
to a 3% increase in contrast washout rate after device placement. Such a phenomenon was
observed to correlate with reduced overall infiltration of contrast after device placement, thereby

substantially reducing contrast residence time.

Both of the geometries virtually implanted with flow-diverters in chapter 7 illustrated the impor-
tance of subtle changes in aneurysm flow pattern and the sensitivity of this flow regime to parent
vessel conditions. Accurately incorporating these factors into in-silico simulations of aneurysm
treatment by flow-diverter remains very challenging. Substantial changes in aneurysm inflow
reduction and contrast decay rate were observed in simulated sidewall aneurysm geometries due
to parent vessel straightening effect alone. This may have significant consequences for the accu-
racy of findings resulting from simulations in the literature that model flow-diverter deployment

assuming a rigid vessel wall.

8.2 Specific Contributions to the Field

A number of observations related to flow-diverter devices and large scale flow effects have been
made over the course of this study. These observations are summarised below and, to the best

of the author’s knowledge, are unreported in the literature.

- Cerebral flow-diverter mesh design has been shown to have a significant effect on simu-
lated aneurysm inflow reduction, flow pattern, and the entire hemodynamic environment of
the aneurysm dome. Current woven designs of flow-diverter device cannot exploit variation in

mesh design and, as a result, may not be fully optimised for aneurysm treatment.

- Specifically in this study, a flow-diverter mesh design with ‘Diverging’ shaped struts was found
to more effectively reduce aneurysm inflow than other mesh designs of the same porosity. The

‘Diverging’ mesh design achieved this result by a dual action of frictional resistance to flow
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passing through the mesh and by imparting vorticity into the flow to direct it out of the aneurysm

dome.

- Flow instability was observed in a number of simulated aneurysm geometries. Non-stationary
behaviour was observed under stationary boundary conditions, consistent with the findings of
other authors. In one case, the emergence of both unstable and stable stationary solutions were
noted in the same geometry, which lead to inconsistent transient and steady state simulation

results.

- The influence of angiographic contrast medium density and viscosity in simulated models of
contrast transport was investigated. In the side wall aneurysm geometry investigated, the effect
of both contrast density and viscosity were found to be insignificant when compared to the
effects of relatively small variation in parent vessel flow rate. As such, the validity of using
angiography as a clinical ‘gold standard’ that represents typical aneurysm flow conditions is also

challenged.

- A simplified virtual contrast model has been shown to accurately capture the flow characteris-
tics seen experimentally in an animal aneurysm model. In the sidewall aneurysm investigated,
variation in contrast decay rate scaled proportionally with parent vessel flow rate, when aneurysm

flow patterns were observed to remain approximately constant over such flow rates.

- A virtual contrast model was applied to the simulated treatment of a side-wall aneurysm by
flow-diverter, with changes in contrast washout rate predicted. Significant variation in con-
trast infiltration pattern was seen between experimental and simulated geometries, attributed

to difference in parent vessel flow rate.

- Both the highly dynamic (but variable) nature of aneurysm thrombosis formation and the com-
plex mechanical response of a vessel implanted with a flow-diverter present substantial challenges
to the development of accurate and well-verified models that are capable of a priori prediction

of device-induced aneurysm occlusion.
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8.3 Future Work

Results from this study suggest that flow-diverter mesh design may have as significant an effect
on aneurysm inflow reduction as mesh porosity. Such a hypothesis needs further investigation,
as the resulting clinical implications may be substantial. Rigorous further testing in multiple
aneurysm geometries is required, in addition to a full parametric study of device mesh designs,

before a generalisable result can be confidently drawn.

The aneurysm instabilities seen in chapter 5 warrant substantial further investigation. Again,
generalisability must be investigated fully in order to ascertain whether the phenomena observed
are the result of obscure parameters that are unique to the geometries discussed, or whether the
behaviour seen has greater implications for past and future CFD studies of aneurysm flow. In
particular the phenomena seen in chapter 5 should be independently verified to be physical, and

not the result of numerical instability, with 3D ¢n-vitro models and detailed PIV analysis.

Finally, the virtual contrast model introduced in this study has given only a very brief glimpse
into the myriad complexities associated with accurate in-vivo verification of simulated aneurysm
flows. A major weakness in current patient-specific simulations lies in a lack of accurate patient-
specific flow conditions, from which significantly more representative simulations could be con-
ducted and verified. However, given the brief investigation conducted in this study on the effect
of an angiographic catheter on vessel flow rate, the fundamental validity of using contrast to

quantify ‘normal’ flow conditions in-vivo must be investigated further.

Sophisticated virtual treatment planning that trials current and novel devices on a patient-
specific basis in near real-time remains the primary goal of research in the field. Although
advances in computational power may move this prospect incrementally closer year by year, it
is clear that revolutionary leaps in understanding combined with well-verified models of in-vivo

mechanisms are vital if such a goal is to ever become a reality.
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