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INTRODUCTION
The aortic valve and root perform extremely sophisticated functions that are critically dependent on
their topology as well as the structure of their component parts at tissue, cellular and molecular
levels [1]. Each of these components is capable of changing its size and shape during different
phases of the cardiac cycle [2–7] (Fig. 1). Computational biomechanics offers unique opportunities to
study many of these functions in humans. Rapid progress in this field has resulted in the
accumulation of a large amount of knowledge relating to this topic. We here describe the application
of biomechanics to the study of the aortic root in health and disease as well as following different
types of valve preserving and aortic root replacement using biological valves.

Biomechanics
This includes study of the dynamics of the aortic wall as well as defining spatio-temporal
characteristics of flow in the aortic root, both of which are thought to influence cardiac function,
coronary flow [8] and distribution of blood to vital organs [1]. Using computational analysis along
with sophisticated medical imaging techniques, physiological parameters that are inherently not
possible or extremely difficult to measure directly in vivo can be quantified. These parameters include
stress distribution, either in terms of shear stress exerted by the blood flow on the endothelium or of
tensile stress in the tissue such as the arterial wall.

METHODOLOGY
Computational biomechanics for in vivo characterisation of human (patho)physiology is based on
detailed medical images such as high-definition multi-slice CT and cardiovascular MRI. The imaging
data are mostly used to construct an anatomical model of an organ in which physiological
parameters, e.g. endothelial shear stress (ESS) and wall tensile stress, are calculated computationally.
A typical procedure for subject-specific blood flow modelling is illustrated in Fig. 2.

Imaging and anatomical model reconstruction
Cardiovascular Magnetic Resonance Imaging (CMR) of aortic anatomy uses high-resolution cardiac
and respiratory gated 3D steady-state in free precession (SSFP) acquired in transversal plane and
multiple 2D fast spin-echo in selective planes. Breath-hold Cine SSFP was used to produce dynamic
images of the aortic root and aortic valve motion and of the aortic wall and the left ventricle. In
addition CMR phase-contrast technique using gradient echo sequence was used to measure blood
flow and blood flow velocity at aortic valve level or any other desirable plane transecting the aorta.
These values are typically acquired using a common 1.5/3.0 Tesla scanner. Electrocardiogram-gated
multi-slice CT can also be used to obtain anatomical information, including its dynamic aspect. In
general, CT has higher in-plane resolution than CMR, and hence it was preferred for anatomical
information to be used in computational biomechanics, but an iodinated contrast agent is required,
and X-ray radiation is an important issue. However, recent developments in CMR imaging—better
motion compensation and imaging sequences design—allow high-resolution anatomical and
dynamic images to be obtained for computational modelling without X-ray radiation or the need for
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contrast agent injection. This technique also provides simultaneous assessment of anatomy as well
as detailed information on blood flow and cardiac function. Subject-specific 3D anatomical models
(the aorta in Fig. 2) can be reconstructed from these medical images by segmenting the scanned
volume based on image intensities.
The second step is to mesh the geometry. This is to create fine grids in the volume enclosed by the

reconstructed 3D surface. The governing equations, for example the Navier–Stokes equations for
blood flow, are solved on this mesh, and variables such as blood velocity and pressure are calculated
at each grid point. There are various mesh types available: tetrahedral, prism, pyramid and

Figure. 1 Longitudinal section of the normal aortic valve. The aortic annulus (AoA) is a crown-shaped three-
pointed structure, in spite of its name,which implies a ring. The annulus is a definite fibrous structure that, apart
from giving origin to the aortic leaflets (AoL), is firmly attached to the media of aortic sinuses distally, while
proximally it is attached to the muscular and the membranous septa anteriorly, the fibrous trigones laterally,
and the subaortic curtain posteriorly. The latter three structures, together with the annulus, form part of the
fibrous framework of the heart. The sinuses of Valsava (SoV) constitute three almost symmetrical bulges in the
aortic root extending from the aortic annulus to the sinotubular junction (STJ), where the root joins the ascending
aorta (AAo). Themedia of the aortic sinuses diminish progressively in thickness from the level of the sinotubular
junction towards the annulus, where it is firmly fixed.
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Figure. 2 Typical procedure for subject-specific blood flow computation. (A) acquisation of clinical images, (B)
image segmentation and mesh generation, (C) applying boundary conditions (inflow velocity profiles at mid-
sinus level in this example) and (D) setting physical properties such as blood density and viscosity, before
solving the equations for fluid motion, i.e. Navier–Stokes equations.

hexahedral (brick) shapes are commonly used in 3D computations. Because spatial gradients of
variables in the governing equations are calculated based on the mesh, it is essential that the mesh is
fine enough to resolve important features of the physical phenomena concerned. For example, blood
flow velocity at the vessel wall is close to zero but it may change rapidly with the distance from the
wall. Hence a fine mesh is required to capture the detailed velocity profile near the vessel wall.

Assumptions and conditions
Once a computational mesh is ready, physical conditions of the problem need to be specified. These
include, for blood flow simulations, blood density and viscosity, as well as boundary conditions such
as velocity at the inlet. For solid mechanics simulations, vessel wall density and elasticity
(stress–strain relationship), as well as blood pressure and constraint conditions, are typically needed.
At this point, one needs to consider assumptions and approximations carefully with respect to the
aim of computation and key physics involved in the problem. For example, spatio-temporal evolution
of the flow velocity through the aortic valve shows a highly complicated non-uniform pattern, as in
Fig. 2. Recent advances in imaging techniques have enabled realistic inflow conditions to be applied
by use of a velocity mapping technique as demonstrated in Fig. 2. However, in most studies these
complicated inflow patterns were modelled using simplified profiles, such as the Womersley velocity
profile [9] or a uniform profile, since access to subject-specific flow data is not always available. It has
been shown that downstream flow patterns calculated with a simplified inflow profile are different
from those obtained with realistic inflow conditions. For example, comparisons of computed aortic
flow patterns and resulting ESS between spatially-uniform and parabolic inlet velocity profiles as well
as a more realistic model incorporating the left ventricle showed a maximum of 4-fold difference in
ESS in the ascending aorta, ranging from 0.5 to 2 Pa, although the difference was negligible in the
middle of the aortic arch [10]. Computations are faster when the physics incorporated is simpler,
hence it is important to strike a balance between model complexity and computational efficiency. A
preferred approach is to keep the model simple while containing essential details, thus it is crucial to
validate the computational model. The anatomical model, model assumptions and boundary
conditions are then fed to a validated computational fluid or solid mechanics solver where an
appropriate set of equations (e.g. Navier–Stokes equations for blood flow) are solved numerically,
and relevant variables are calculated, which can be visualised as shown in Fig. 3.
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Figure. 3 Example of blood flow simulation results. Streamline representation of blood flow patterns (left) and
ESS maps (right) at two different phases in a cardiac cycle. At peak flow, streamlines are straight through the
aorta whereas they show strongly swirling patterns in the deceleration phase.

Validation
Because the use of model assumptions is inevitable in computational simulations, it is important to
test their reliability, which includes evaluation of the reproducibility and accuracy of the method, and
vigorous validation of the numerical solutions. Reproducibility of a subject-specific blood flow
computation was tested with 3D ultrasound-based [11] and MRI-based [12] anatomical models and
a good reproducibility with eight per cent of ESS variability for multiple trials shown. Numerous
validation attempts have been made, including comparisons between computational results and
measurements made on in vitro physical models [13,14]. Furthermore, recent advances in imaging
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techniques enabled comparisons with in vivo data, as demonstrated by comparisons between
computational predictions and MR measurements, reported in [15,16]. A good agreement between
computational and experimental results would provide some confidence in the reliability of the
computational models used. Due to the complexity of physiological systems, it is unlikely that a
single computational model is valid universally. Hence, careful tests need to be performed for an
individual application in order to understand potential drawbacks and gain confidence in the method.

APPLICATIONS
In health
Blood flow

Because of evidences linking ESS and pathophysiology such as atherosclerosis [17] and
aneurysm [1], computational fluid dynamics (CFD) has been extensively applied in normal human
circulatory systems to quantify ESS in order to understand normal haemodynamics and initial stage
of disease [18]. The aortic flow, ejected through the aortic valve by the left ventricular contraction, is
well known to have a spiral pattern that is associated with the anatomy of the aorta [19], vortical flow
in the left ventricle [20,21] and dynamics of the aortic root [22]. This spiral flow characteristic was
suggested to help blood flow progression in the aorta by minimising turbulence and associated
energy loss [19]. It has indeed been proposed to quantify the spiral pattern with a helicity parameter
in order to assess the normality of aortic flow [23]. One of the major determinants in aortic flow, the
aortic root anatomy, varies considerably even in normal cases, from the left ventricular outflow tract
with elliptic cross-section [24], through the sinuses to ascending aorta [25]. And with dynamism of
these components, aortic flow exhibits complicated patterns in comparison to other parts of the
cardiovascular system.
Three-dimensional, computational analyses of flow in the aorta were initially attempted on the

aorto-iliac bifurcation [26] and abdominal aortic aneurysm [27] because of geometrical simplicity,
followed by those on descending [28] and ascending aortas [29–32]. These studies aimed to
understand fundamental flow and resulting ESS patterns in the aorta. Among them was the
investigation, by Black et al., of the effect of aortic arch anatomy on flow patterns using varying
hypothetical aortic anatomy: a good example of applying CFD to aortic flow problems [31]. Recent
studies were carried out with a focus on more clinically-relevant output and in relation to biological
factors, which will be discussed later.

Aortic wall mechanics

Stress and strain are also known to affect vascular biology, particularly those factors related to
vascular tone [33] and inflammation [34], which in turn would affect stress levels [35]. Hence
quantifying stress levels in the aortic wall is important for us to understand tissue damage and
remodelling for which studying normal subjects is a good starting point. The simplest but effective
way of estimating stress is to use Laplace’s law that relates circumferential (hoop) stress in the vessel
wall to its radius, thickness and internal pressure (τ = Pr/h)1. This equation was first applied to in
vivo observation of myocardium in early 70s by Role and co-workers [36] and has been used as an
effective measure since. In real in vivo circumstances, pressure varies locally and it is difficult to
obtain the local radius accurately, because real arterial anatomy is far more complicated than a
straight cylinder. A regional and more detailed distribution of stress can be given through its
relationship with local strain, using a constitutive relation. Constitutive relationships can be as simple
as linear elastic, i.e. stress T = Eε, where E is elastic (Young’s) modulus and ε is strain. An early
example of local stress quantification using a linear elastic constitutive relationship can be found in
Clark et al., combining experimental observation on aortic valve with numerical modelling [37].
However, since it is well known that the arterial wall is a layered, fibre-reinforced structure of
inhomogeneous compositions, which exhibits non-linear stress–strain relationship [1], the
constitutive equation is expected to be more complicated, such as the one proposed by Raghavan
et al. for abdominal aortic aneurysm tissue considering material nonlinearity [38], or the one by
Gasser et al. including material nonlinearity, anisotropy and fibre orientations [39]. Using a
constitutive equation, one can calculate tissue tensile stress from a known (measured or computed)

1P: inner pressure, r: vessel radius, h: vessel wall thickness
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strain field. Finite element computational modelling has been extensively used to acquire
local/regional tissue strain in vivo, as well as other image-based strain calculations such as
ultrasound palpography and tagged MR. There is a substantial body of literature on computational
analyses of deformation, strain and stress on arterial walls. In this approach, spatial resolution in the
calculations (grid density) can be higher than available imaging techniques.

Interaction between blood flow and arterial wall structure

The aortic root changes its size and shape during different phases of the cardiac cycle in interaction
with blood flow and cardiac motion [2–5,7]. A combined MR and CFD study [22] demonstrated that
the spiral aortic flow pattern is largely determined by the cardiac-induced motion of the aortic root.
This suggests, as also pointed out by Lansac et al. in their aortic root dynamics study [4], that
substitution of a prosthetic graft for the aortic root could significantly alter the nature of aortic flow by
restricting its dynamics and mobility.
Aortic root dynamics, as part of the Windkessel effect, contributes to high diastolic pressure

difference between the sinus and the coronary circulation, which is a major driver of the
diastolic-dominant coronary flow, in conjunction with myocardial relaxation [8,40]. It also affects
coronary ostium dynamics as observed in a time-resolved multislice CT study [41]. It was reported
that the entrance flow profile to the coronary ostia contributes significantly to the patterns of ESS in
the proximal end of the artery [42]. The proximal segment of the coronary arteries is more prone to
atherosclerosis and, based on the flow-mediated atherogenesis hypothesis, the entrance flow profile
could play an important role in understanding coronary atherosclerosis. Additionally, since coronary
arterial motion alters the oscillatory nature of its ESS [43,44], the coronary ostium motion pattern
may also contribute to the determination of coronary flow patterns and thereby affect atherogenesis.
The bulging shape of the sinus and jet flow through the valve causes retrograde recirculating flow

in the sinus as depicted in a number of studies [19,45,46]. This recirculating flow is known to help
the valve closure [47,48] and was thought to affect the coronary flow since the coronary ostia are
located on the sinus wall. A recent computational study demonstrated an insignificant effect of sinus
morphology and resulting flow patterns on coronary flow [49]. However, it has been shown that
improvement of coronary flow following a root replacement procedure depends on the type of
substitutes [50,51], hence further investigation is needed to elucidate the link between sinus
morphology and coronary flow.

In disease
ESS, atherosclerosis and aneurysm

Because blood flow and the resulting shear stress on the endothelium are thought to contribute to
the tissue regulation in arterial wall [17], abnormal flow patterns are speculated to play an important
role in pathophysiology in the aorta such as aortic dilatation/aneurysm [1] and atherosclerosis [52]
by triggering maladaptive tissue regulations.
Computationally-derived ESS and related parameters have been compared with pathophysiological

indices such as intima-media thickness (IMT) in early atherosclerotic circumstance. Jackson et al.
compared computed post-operative (baseline) ESS in femoral vein graft patients with IMT at
approximately 10 months follow-up; IMT at follow-up correlated with low WSS at baseline [53]. Augst
et al. conducted a similar study on the carotid bifurcation and showed that blood pressure and ESS
correlate with IMT [54]. Another ESS related parameter often referred to in relation to atherosclerosis
is the oscillatory shear index (OSI) representing change in direction of ESS vector. Ku and fellows
calculated ESS and OSI from velocity measurement in a plexiglass model, and compared them with
IMT in a human carotid bifurcation sample [55]. Low and oscillatory ESS was found to collocate with
thickened wall, which is believed to be a precursor of atherosclerotic plaques [56], suggesting its
significant role in atherogenesis. High ESS is also associated with atherosclerosis; an in vivo study by
Gijsen et al. suggested that high ESS influences atherosclerotic plaque composition via elevated
strain [57]. Studies including biological aspects provide more insights into the mechanism underlying
the relationship. Cheng and co-workers demonstrated a role of low and oscillatory ESS on expression
of chemokines involved in atherogenesis using a mouse model [58]. Tarbell and his team
demonstrated in their in vitro experiments that the phase difference between ESS and strain stimuli
on ECs (stress phase angle, SPA) regulates nitric oxide and endothelin-1 productions [59–62]. This
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finding was used in their computational study on the carotid artery to understand atherogenic blood
flow patterns [63].
In a study related to the aorta, it was reported that high ESS is linked with local MMP-9 activity [64].

Although this study by Krams et al. [64] was focused on atherosclerotic plaque, active MMP-9 is
thought to play an important role in aneurysm formation through matrix degeneration [1] and hence
ESS might also be an important player in aortic aneurysm. In another example, artificially-induced
atherosclerotic lesion morphology was compared with CFD-based ESS level in the carotid artery of
mice [52]. Likewise, Vincent et al. compared CFD-based ESS patterns with fatty deposition patterns in
mice aorta and showed a good correlation between them [65]. The relationship between aortic flow
and the aortic valve — the most important component determining aortic flow — will be discussed
later. Influence of ESS on the vasoactivity could be even more complicated in the aortic root
considering the regional variability in endothelial cell response, as reported by Deck et al. on the
difference between the endothelial cells on the ventricular side and aortic side of the aortic valve [66].

Transvalvular ‘‘jet’’ flow

When blood passes through the aortic valve, the blood pressure drops at the valve orifice. This is
because the valve orifice area is smaller than the left ventricular outflow tract and ascending aorta;
velocity through the narrower valve orifice is higher owing to mass conservation, and the pressure
there is lower following the energy conservation (Bernoulli’s principle: 1/2ρv2 + p = constant, where
ρ, v and p are blood density, velocity and pressure). With a normal aortic valve, the velocity at the
valve orifice is not very high, approximately 1.0 m/s [67], and hence the pressure drop at the orifice is
small (4 mmHg for 1.0 m/s peak velocity). Therefore, the pressure is able to recover in the aorta
downstream to a level that is only a few mmHg lower than the left ventricular pressure,
i.e. transvalvular pressure gradient (TPG) is very small. The pressure recovery is deteriorated (=high
TPG owing to turbulence [68]) when the valve orifice area is small due to valve disorders such as
aortic stenosis; AHA classified severe aortic stenosis as TPG> 40 mmHg or orifice area
<1.0 cm2 [69] which is 1/4 to 1/3 of the normal orifice area [70]. High TPG results in an increased
left ventricular (LV) load, which may cause LV remodelling and hypertrophy [71,72]. Transvalvular
pressure gradient is typically estimated using the modified Bernoulli’s equation [73]: TPG = 4v2vc
(vvc = velocity at vena contracta in m/s and TPG is calculated in mmHg), which was derived from the
original Bernoulli’s equation,1p = 1/2ρv2, by using normal blood density (1060 kg/m3) and
converting the unit from Pa to mmHg. Otto and co-workers have reported, by a prospective
investigation of asymptomatic adult valvular aortic stenosis patients, that jet velocity (and hence TPG
calculated in this way) can be a predictor of clinical outcomes (death or aortic valve surgery) [74].
Further derivation of such haemodynamic parameters include energy loss: EL = 4v2vc(1− (EOA/AA)2)
(EOA: effective (valve) orifice area and AA: aortic cross-sectional area) [75], its indexed variable
(energy loss index), and impedance for aortic valve and downstream vasculature (Zva: valvulo-arterial
impedance) [76]. Following its definition, energy loss is high for high velocity at the vena contracta,
small EOA and large aortic cross section. This can be explained by the fact that high velocity at the
vena contracta, typically caused by small EOA, is likely to yield highly disturbed turbulent flow in the
aorta that entails higher energy loss. A large aortic cross section such as aneurismal dilatation means
sudden expansion in the aorta from the vena contracta to its downstream, which is also a typical
cause of disturbed flow. Those energy-loss-based parameters are correlated well with clinical events
(death or aortic valve replacement) and LV dysfunction for patients with aortic stenosis [75] and used
to categorise patients. A high velocity jet could cause high ESS on the aortic wall [77,78], which is
linked to aneurysmal aortic dilatation [1,79]. Such a high velocity jet can also occur in aortic
coarctation, not only in the downstream of stenosed valves. Computational studies on a thoracic
aortic aneurysm with coarctation [15] and type-B aortic dissection [80] both showed a high-speed jet
occurring at the aortic coarctation and highly turbulent flow in the downstream opening which is
accompanied by high energy loss in the blood flow.

Bicuspid aortic valve

The jet flow through the valve is likely to occur in patients with a bicuspid aortic valve (BAV). Having
more structural constriction, BAV cannot open as much as tricuspid aortic valve. A rapid jet through a
BAV, its impact on the ascending aortic wall and the resulting high ESS are all thought to be important
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factors in understanding dilated aorta in BAV patients in relation to the orientation of the
valve [77,82–85] (Fig. 5). Quantification of flow and haemodynamic wall shear stress has been made
using both MR imaging and a computational approach. Time-resolved 3D phase-contrast MR (4D
MR) [84,86,87] is an emerging technique to visualise and quantify the flow patterns in the aorta and
other large arteries. Visualisation of flow patterns in the ascending aorta of a BAV patient showed
strong swirling flow patterns in the ascending aorta [88]. Barker quantified ESS and demonstrated
heterogenic patterns of ESS along the circumference of the ascending aorta which they implicate in
asymmetric patterns of dilatation [84]. An example of computational attempts can be found in
Viscardi et al. [77]. They computed ESS patterns for a different orientation of a BAV and reported that
right and non-coronary cusp fusion causes higher ESS, although only one case was examined. We
also made a preliminary study on a 12-year-old BAV patient (Fig. 4). This patient had a BAV without
calcification, which functions well haemodynamically as seen in the smooth inflow patterns in
comparison to Barker et al. However, there was hypoplasia in the aortic arch causing high blood flow
velocity and subsequent highly disturbed flow downstream.

Pathological arterial wall

Involvement of structural mechanics in pathophysiological conditions of the aortic root seems to be
more straightforward than that of fluid mechanics. The simplest example is tissue damage. Tissue
breaks when the level of tensile stress it experiences exceeds the limit that the tissue structure can
hold, i.e. its tensile strength. The reported tensile strength of human ascending/thoracic aorta shows
little anisotropy and varies from 1.7 to 1.8 MPa in circumferential and 1.7 to 2.0 MPa in longitudinal
directions [89,90]. Tensile strength is lower for dilated aortas (1.18± 0.12 MPa in circumferential
and 1.21± 0.09 MPa in longitudinal directions) because of the loss of elastic fibres and
derangements in collagen cross-linking which explains why the aneurysmal aorta has a higher
possibility of rupture than the normal aorta [90]. Since the vascular wall has a layered structure, it is
also important to know the inter-layer breaking strength in order to understand aortic wall dissection.
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The radial strength of human aortic tissue was measured by Sommer et al. and was reported to be
140.1± 15.9 kPa [91], 10 times lower than the circumferential tensile strength. There are a number
of computational studies aimed at understanding aneurysm rupture. Doyle and co-workers
demonstrated that finite-element-based, patient-specific analysis of tensile stress can predict
aneurysm rupture location as a highly concentrated stress area; rupture location was successfully
predicted for 16 out of 20 cases [92]. Such computational rupture risk predictions have been
attempted on abdominal aortic aneurysms [93–95] but not yet applied to thoracic aneurysm.
On the effect of stress and strain on vascular biology, an in vitro experiment using bovine aortic

endothelium showed that cyclic strain weakly induces COX-2, suggesting up-regulated prostacyclin
(PGI2) albeit not as much as by ESS [33]. Likewise, another in vitro experiment on porcine valvular
endothelial cells demonstrated that pro-inflammatory protein expressions were regulated by cyclic
strain [34]. Up/downregulated vasoactivators and/or inflammation would alter vascular tone or
stiffness, which again affects stress levels [35]. To reflect such an interaction, Rachev proposed a
stress-dependent vascular remodelling rule and theoretically explained that arteries of hypertensive
patients are remodelled such that the tensile stress in the wall is maintained [96]. Tissue
calcifications are also associated with tensile stress [97]. In observations of excised valve tissues
from surgeries, strong patterns of calcific deposits were found along the region of cusp coaptation
where high stress levels are expected [98]. The potential impact of calcification was approximated by
computational analyses. Hamid et al. showed that calcified sites on the aortic valve alter its dynamics
and resulting vibration [99]. It was also shown, by Speelman et al., that calcification sites experienced
increased tissue stress which may increase the risk of rupture [100]. This finding is supported by an
ex vivo experimental comparison of tensile stress and strength between calcified and healthy porcine
aortic walls [101]. Artificially calcified aortic tissue exhibited higher tensile stress (at 10 per cent
strain, 227± 34 vs 147± 15 kPa) and lower tensile strength (1.34± 0.18 vs 1.55± 0.31 MPa)
than their healthy counterparts.
As a recent example of quantifying tissue stress, Conti et al. depicted differences in tensile stress

patterns in a hypothetical aortic root model with bicuspid and tricuspid aortic valves [102]. Focal
high-stress regions were observed around cusp commissures, which were higher for bicuspid valves
around the cusp fusion (Fig. 6). Cusp commissure is a common site of calcification [98], and the
results suggest a link between elevated stress and calcification. Another computational study by
Grande et al. presented stress analysis of dilated aortic roots with varying levels of dilatation [103].
Using an anatomical model based on MR images of an ex vivo sample, they showed elevated stress
and incompetent valve coaptation for the dilated aorta, demonstrating the potential of computational
method for addressing clinically relevant questions. However, patient-specific computational
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Figure. 5 Analysis on a bicuspid aortic valve patient. (A) a photographic image taken during operation, (B) inflow
profiles acquired using phase-contrastMR, (C) results from computational analysis (streamlines and endothelial
shear stress map at peak flow) and (D) presentation of the ESS level along a perimeter of ascending aorta,
following the method used by Barker et al. [84].
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modelling faces a number of challenges; these include geometrical modelling, estimation of material
properties (constitutive relationship) and acquisition of accurate boundary conditions (reference
motion), which need to rely on other imaging or in/ex vivo experiments. Hence it is necessary to
integrate imaging, computational and other methods in order to complement each other.

Clinical interventions and their effects

Clinical interventions on the pathological aortic root can physically alter the aortic valve and root
structure, resulting in changes in the biomechanical environment, e.g. structural and flow dynamics.
Therefore, selection of the surgical valve substitute has a crucial impact on the short- and long-term
outcomes [45].
Among the currently available aortic root substitutes, the pulmonary autograft [45,104] has been

found to have a survival rate comparable to an untreated age-matched normal cohort [105]. Other
stentless tissue root substitutes, e.g. homograft and porcine xenograft, are also considered effective
options [106–108]. A mechanical valve is an alternative well-established choice although patients
must take anticoagulants post-operatively. Each valve substitute has its specific advantages and
concerns. Mechanical valves are known for good durability but, in addition to coagulation, risk of
hemolysis is a matter of concern due to the high shear stress around the hinge and the regurgitant jet
through the thin slit between the leaflets at valve closure [109,110]. Because of these clinical issues
and relative geometric simplicity (as compared to the geometry of native valves), numerous
experimental and numerical studies have been conducted on mechanical heart valves to characterise
their biomechanical functions [111–113]. These works provided detailed velocity profiles at high
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Figure. 6 Tensile stress (principal stress) distributions on aortic root and valve tissue of hypothetical aortic
root models [102]. Focal high stress is observed around the leaflet commissures in closed leaflet configurations
and the stress concentration is higher for the bicuspid aortic valve (BAV) model around the leaflet fusion where
calcified site is typically observed [98]. Reprinted fromConti et al. J Thorac Cardiovasc Surg 140, 890–896 (2010)
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spatial and temporal resolutions to resolve the expected highly-disturbed or turbulent flow. Initially,
computations were carried out assuming a static valve with a focus on vortices behind the
leaflet(s) [114]. Later, with much better computational resources, dynamic evolution of the vortices
was captured with parametrically varied prosthetic designs [113]. Shear stress in the flow and on
valve/arterial wall can be calculated based on such detailed flow patterns around the valve [115],
which could help improve the valve design.
More favoured options, stentless tissue valves particularly with a total root replacement technique,

can preserve the structural relationship between the different components of the valve mechanism
and are advantageous by oversizing the annulus leading to larger orifice area [106]. Stentless tissue
valves including the pulmonary autograft, homograft and xenograft (porcine bioprostheses) were
reported to reproduce better haemodynamic functionality in terms of blood velocity at valvular level
and transvalvular pressure gradient than mechanical valves and stented tissue valves owing to their
flexibility [116–121], particularly during increased flow such as in exercise [122,123]. In particular,
pulmonary autograft and porcine xenograft showed superior haemodynamic functions
[117,120,123], which were suggested to contribute to their superior long-term clinical
outcomes [105,106]. The flexible sinus of bioprostheses was reported to increase coronary flow [50].
Even among autograft replacements, the subcoronary grafting technique was superior to inclusion
and freestanding root techniques in terms of valve dynamics, aortic flow and distensibility in an
MRI-based functional evaluation study [124]. Similarly to the computational studies on mechanical
valves, detailed flow characteristics resulted from the sophisticated interaction between blood flow
and tissue aortic valve, and root structure could be elucidated computationally. Indeed, considerable
effort has been devoted starting from Peskin and McQueen, who developed a special numerical
method called immersed boundary method and applied it to a 2D heart model with valves in
1989 [125,126]. This was followed by a few other groups who developed numerical methods and
demonstrated their ability to compute flow in realistic anatomical models with moving
valves [127–132]. For example, Katayama and co-workers demonstrated the role of recirculating
blood flow in the sinus in valve closure, by means of computational analysis of an idealised aortic
root model [48].
Interestingly, the interaction between the aortic valve and blood flow is also substantially

influenced by valve-sparing surgeries, even without a direct intervention on the valve itself. It has
been shown that haemodynamic performance of the aortic valve after valve-sparing surgeries (sinus
remodelling and valve reimplantation) are better than composite grafts in terms of TPG, particularly in
exercise [133] as shown in Fig. 7A. An echocardiographic comparison of aortic valve dynamics
between patients who had undergone two types of valve-sparing surgeries (tube replacement and
separate replacement of the sinus of Valsalva) showed different valve opening and closing
characteristics depending on the type of surgery owing to the difference in morphology and
compliance of the root substitute [134,135] (Fig. 7B). An attempt to explain these findings was made
later in a computational approach by Ranga et al., in which the importance of sinus reconstruction in
end systolic vortex formation to help valve closure was illustrated in detail [130]. Also, a more recent
MR study depicted a normalised helical flow pattern in an anatomically shaped ascending aortic graft
after a Tiron David I procedure with less retrograde flow in the sinus due to altered compliance of the
graft substitute [136]. These studies reinforce the importance of dynamism of the aortic root as a
whole [2–7].
As far as the aortic valve is concerned, computational studies are still limited to hypothetical

models aimed at understanding fundamental flow patterns and their relation to physiology, even with
the most advanced computational techniques. The difficulty in computational simulation of more
realistic settings lies in the difficulty in representing the complicated geometry of tissue valve leaflets.
With more advanced imaging and geometrical modelling techniques, a computational approach to
flow-valve interaction in more clinically-relevant settings will become possible and provide an
effective tool in the near future. For example, studies with a clinical endpoint such as addressing
substitute sizing issues, as performed by Matsue et al. [116], can be conducted by virtually
substituting various sizes of root substitute and evaluating the haemodynamic consequences. One
potential advantage computational biomechanics can offer is indeed to simulate and predict the
biomechanical environment altered by surgical/intravascular/pharmacological interventions in order
to assess their impact on short- and long-term clinical outcomes.
On the other hand, the influence of the valve can be incorporated in computational models by

using phase-contrast MR-based velocity mapping (e.g. Suo et al. [42] and the example in Fig. 2). Such
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Figure. 7 Valve performance in terms of transvalvular pressure gradient (TPG) and valve dynamics. (A) A
comparison of maximum TPG across the aortic valve during different levels of exercise (* significantly elevated,
p < 0.05 [133]). An in vivo comparison between composite graft, aortic sinus remodelling, valve reimplantation
and control showed superior performance with valve preservation techniques to composite grafts, particularly
in intensive exercise. Reprinted from Graeter et al. Chest 118, 1271–1277 (2000) with permission from American
College of Chest Physicians. (B) M-mode echocardiographic recordings of aortic valve motion acquired in vitro
for remodelling (Yacoub) and reimplantation (David) techniques [135]. Even for those two techniques showed
similar performance in terms of TPG showed marked difference in valve dynamics: remodelled sinus produced
more gradual valve opening than valve reimplantated in a straight Dacron graft. Reprinted from Fries et al. J
Thorac Cardiovasc Surg 132, 32–37 (2006) with permission from Elsevier.

an approach may be limited for the understanding of detailed flow-valve interaction but can be useful
to understand flow-related events in the downstream region. Indeed, with the state-of-the-art CMR
imaging technique such as one enabling the acquisition plane following the valve motion during
cardiac cycle [137–139], the flow velocity mapping approach will be more accurate. Moreover, this
approach is less computationally demanding. It is important to consider a balance between
modelling details and computational cost, in reference to the aim of the study, demand on analysis
time and available resources.
The effects of surgical intervention on aortic root structure are usually manifested through change

in anatomy and mechanical properties. For example, a finite element analysis by Grande-Allen et al.
showed that surgical recreation of a sinus shape reduces tensile stress in the leaflet in comparison to
a cylindrical root [140,141]. Likewise, recreating sinus-like structure in the Bentall procedure reduces
stress at the coronary anastomosis [142]. These are good examples demonstrating the benefits of
computational modelling, allowing multiple options to be tested in patient-specific settings.
Differences in mechanical properties between native tissue and root substitutes might also have a
significant impact. Tensile tests of homograft, porcine xenograft and fresh porcine tissue showed
similar circumferential elasticity for homograft and fresh tissue but lower elasticity (=stiffer) for the
xenograft. On the other hand, the pulmonary autograft is more compliant than the aortic root [143].
As a result, the expansion of autograft in response to aortic pressure immediately after the operation
was computationally predicted to be 28 per cent larger and the sinus wall was under higher tensile
stress than in the pulmonary position [144]. The different biomechanical environment in the
pulmonary autograft could stimulate its remodelling leading to potential autograft dilatation.
However, a detailed longitudinal observation of pulmonary autograft and homograft by Carr-White
and co-workers showed no significant progressive dilatation in 4 years post-operatively [145]. In the
same study, homografts remained almost the same as their original size as expected from their
nonviable nature. The same study additionally stated that the stress—strain relationship of their
4-month-old neoaortic root—was between that of native aorta and pulmonary artery, which indicates
adaptation of neoaortic root to the new aortic environment due to its viability.

CONCLUSIONS
Over the last two decades, computational biomechanics has matured to a stage where
patient-specific modelling of blood flow and wall deformation in large arteries has become a common
practice. It has unique capabilities to visualise, quantify and predict biomechanical functions under
conditions that mimic the in vivo environment. Although model assumptions are inevitable, careful
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problem setup according to specific study objectives could guide one to make appropriate use of
mathematical modelling tools. It is expected that further development of computational methods in
conjunction with imaging techniques and biological sciences will enable computational
biomechanics to address questions with clinical endpoints. More inter-disciplinary collaborations will
be a key to achieve this.
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