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ABSTRACT
The simultaneous replacement of a diseased aortic valve,

aortic root and ascending aorta with a composite graft equipped
with a prosthetic valve is a nowadays standard surgical approach
in which the Valsalva sinuses of the aortic root are sacrificed and
the coronary arteries are reconnected directly to the graft (Ben-
tall procedure). In practice, two different polyethylene terephtha-
late (Dacron) prostheses are largely used by surgeons: a stan-
dard straight graft and a graft with a bulged portion that better
reproduces the aortic root anatomy (Valsalva graft). The aim of
the present investigation is to study the effect of the graft geome-
try, with its pseudo-sinuses, on the the flowfield, with particular
attention to the coronary entry-flow, and on the stress concentra-
tion at the level of coronary-root anastomoses during the cardiac
cycle. A bi-leaflet mechanical valve with curved leaflets is con-
sidered, attached to the two different prostheses. Two cylindrical
channels, reproducing the very early coronary vasculature are
connected to the grafts. An accurate three-dimensional numeri-
cal method, based on the immersed boundary technique, is pro-
posed to study the flow inside deformable geometries. Direct nu-
merical simulations of the flow inside the prostheses under physi-
ological pulsatile inflow conditions are presented. The dynamics
of the leaflets (considered rigid) is obtained by a fully-coupled
fluid-structure-interaction approach, while a weak-coupled ap-
proach is employed for the deforming roots, in order to reduce
the computational cost, using optimized solvers for both the fluid
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and structural problems. The Dacron material is modeled as
orthotropic, with an inversion of the material properties in lon-
gitudinal and circumferential direction for the skirt region of the
Valsalva prosthesis. Coronary perfusion is reproduced modu-
lating in time the porosity, and thus the resistance, of the coro-
nary channels. The results indicate that while the pseudo-sinuses
do not significantly influence the coronary entry-flow, their pres-
ence allows for smaller levels of stresses at the level of coronary-
root anastomoses, potentially reducing post-operative complica-
tions.

INTRODUCTION
The aortic valve is located just downstream of the heart’s

major pumping chamber, the left ventricle, and corresponds to
the beginning of the aorta. As the heart contracts, oxygen-rich
blood is forced through the open aortic valve into the aorta and it
distributes nutrients to the whole body via the primary cardiovas-
cular network. In the initial tract of the aorta, namely the aortic
root, three sinuses (sinuses of Valsalva) are present, from two of
whom the coronary arteries originate. These small arteries have a
great clinical relevance because they are responsible for carrying
oxygen-rich blood to the heart muscle itself. The Bentall proce-
dure [1] is the standard operation for patients who have lesions
of the ascending aorta associated with aortic valve disease. In
fact, when a disease affects simulataneously the aortic valve, the
aortic root and the ascending aorta, the risk of aortic dissection or
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rupture is greater than that associated with surgery, therefore the
standard choice is to totally replace the root and ascending aorta
by means of a polyethylene terephthalate (Dacron) graft carrying
a prosthetic valve. In younger individuals, without contraindica-
tions to anticoagulation, mechanical valves are preferred due to
their durability, thus requiring lifelong anticoagulation therapy.
This routinely performed procedure provides a better annular sta-
bilization combined with a superior support of the aortic wall. On
the other hand, the root looses any extensibility because of the
material with different elastic characteristics (more rigid) with
respect to the native aorta. A very delicate and important step
of the procedure is the re-connection of the previously separated
coronary arteries to the graft, as close as possible to their natu-
ral position. This procedure may have intra-operative (bleeding)
and post-operative (bleeding and late pseudo-aneurysm forma-
tion) complications due to the high torsion or tension at the level
of the coronary-root anastomoses. Failure of the coronary arter-
ies, and the consequent inability to supply adequate oxygenated
blood to the heart muscle (ischaemia, myocardial infarction) is
the cause of more morbidity and mortality in Western society
than any other disease [2].

In the present study, two different prosthesis used in prac-
tice by surgeons are considered, equipped with a bi-leaflet me-
chanical valve with curved leaflets. Two cylindrical channels,
reproducing the very early coronary vasculature are connected to
the grafts. Coronary perfusion is reproduced modulating in time
the porosity, and thus the resistance, of the coronary channels.
Dacron material is modeled as orthotropic, with an inversion of
the material properties in longitudinal and circumferential direc-
tion for the Valsalva prosthesis. Here we present an accurate nu-
merical method to study the flowfield inside such deformable ge-
ometries, with the aim of studying the influence of the prosthesis
type on coronary entry-flow, and to evaluate the stress concentra-
tion at the level of coronary-root anastomoses during the cardiac
cycle. Pulsatile conditions involve laminar flow at the beginning,
transition to turbulence at peak of flowrate and subsequent re-
laminarization within the same cardiac cycle. Therefore, a direct
numerical simulation (DNS) technique is used, in order to cor-
rectly capture the physics of the transitional flow without intro-
ducing numerical viscosity or other artificial dissipation mech-
anisms. The immersed boundary (IB) technique is employed in
order to easy handle complex moving and deforming geometries:
The procedure is more accurate and less expensive than a stan-
dard body–fitted approach avoiding the re-meshing of the time
variable computational domain with the associated interpolation
step. A fully-coupled fluid-structure-interaction (FSI) approach
is employed in order to correctly describe the leaflets’ dynamics,
while a finite-element (FE) solver for the deforming roots is cou-
pled with the fluid solver in a segregated weak approach, in order
to reduce the computational cost and to use optimized solvers for
both the fluid and structural problems. Simulations of the flow
inside the prostheses under physiological pulsatile inflow condi-

(a) (b)

Figure 1. AORTIC DACRON PROSTHESES: (a) STRAIGHT GRAFT;

(b) VALSALVA GRAFT

tions are presented, considering several complete cardiac cycles.
The results indicate that while the pseudo-sinuses do not signif-
icantly influence the coronary entry-flow, their presence allows
for smaller levels of stresses at the level of coronary-root anasto-
moses, potentially reducing post-operative complications mainly
represented by pseudoaneurysm formation at the coronary suture
line.

PROBLEM FORMULATION
Geometries

Performing the Bentall procedure, surgeons can choose two
kinds of prostheses. One is the standard straight graft, a tube
that has a constant orientation of the textile for the whole length,
showing crimps in horizontal direction, which allow the tube to
extend in the flow direction (Fig. 1a). The other is the Valsalva
one, that exhibits three main portions, namely the collar, the skirt
and the body. While the collar and the body have the same prop-
erties of the straight tube prosthesis, the skirt is created by taking
a section of graft and sewing it to the body with crimps in vertical
rather than horizontal direction. In this way, the crimp orienta-
tion of the skirt allows for larger deformation in circumferential
direction, thus creating a bulged portion that better reproduces
the aortic root anatomy during functioning (Fig. 1b).

Figure 2 shows the geometrical model used in the numerical
simulations. The model is discretized by triangular elements, as
requested by the ray–tracing technique used in the geometrical
preprocessor [3]. The inflow tube and the valve housing are con-
sidered rigid, and discretized by about 2000 and 1500 elements
respectively. About 100, 2200, 7300 and 5500 linear elastic shell
elements, for the collar, the skirt, the body and the coronaries
respectively are used in order to discretize the deformable part
of the model, with six degrees of freedom for each node and
thickness equal to 0.3mm. The elements have both bending and
membrane capabilities and support large deflection analysis. The
same geometrical model is considered for both grafts, while the
different behavior of the two ducts in the skirt region is taken
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Figure 2. GEOMETRICAL MODEL AND VALVE/ROOT ARRANGE-

MENT

into account by a different material model. The valve consid-
ered is a bi-leaflet 25 mm Bicarbon mechanical valve by Sorin
Biomedica [4]. The leaflets have a curved profile, creating three
equal-resistance flow regions when open, and exhibit a rotation
range equal to 60◦, with a fully open position of 10◦ with respect
to the streamwise direction. In modeling the valve, the micro-
scopic hinge mechanism has been neglected, while a small gap
of about 340µmin the hinge region has been left in order to allow
the washing flow that occurs in the real mechanism. Friction in
the hinges has been neglected. About 3000 elements are used for
each leaflet, considered rigid. The valve orientation with respect
to the two coronaries is shown in Fig. 2. The relevant lengths of
the model are reported in Fig. 3.

Materials
Dacron prosthesis have a different behavior in longitudinal

and circumferential direction, therefore are characterized by or-
thotropic material properties in the present work. As shown
in [5], the stress-strain relation for the woven Dacron graft can be
correctly modeled with a linear model both in longitudinal and
circumferential directions. Consideringz axis in the flow direc-
tion, nine elastic constants (Young’s moduliEx, Ey, Ez, Poisson’s
ratiosνyz, νzx, νxy, and shear moduliGyz, Gzx, Gxy) need to be
defined and for the compliance matrix to be positive definite the
following condition must be satisfied:

1−ν2
xy

Ey

Ex
−ν2

yz
Ez

Ey
−ν2

xz
Ez

Ex
−2νxyνyzνxz

Ez

Ex
> 0 (1)

Table 1. NUMERICAL VALUES OF THE MATERIAL CONSTANTS FOR

THE DEFORMABLE GRAFT.

Ex = Ey Ez νxz = νyz νxy Gxz = Gyz Gxy

12MPa 1.2 MPa 0.15 0.1 5.2 MPa 0.55MPa

Since the Dacron graft can be considered as transversely
isotropic (Ex = Ey, νxz = νyz, Gxz = Gyz), the elastic constants
are actually six. Under this assumption we computeGxz =
Ex/2(1+ νxz). ConcerningGxy, results showed that stresses
and strains are negligibly affected by its value, so the value
Ex/2(1+ νxy) is considered. Numerical values of the material
constants, deduced by the experimental stress-strain curves re-
ported in [5] are shown in Tab. 1. It is worth noting that for
the Valsalva graft, the orthotropic directions of the material are
inverted at the skirt region, in order to take into account the dif-
ferent behavior of the prosthesis.

A linear elastic material with Young’s modulus equal to 2
MPa was used for the two coronaries. This value gives a good
match, in terms of displacement and strain results, with respect
to more sophisticated models, adopted in literature to model the
natural aortic root, that use non–linear material properties [6].
The inflow tract, including the valve housing (∂Γ1 in Fig. 3),
is considered rigid and fixed in space. The leaflets are con-
sidered rigid and made by pyrolytic carbon, with density of
ρl = 2000kg/m3. Eeach leaflet has a moment of inertia with
respect to the pivot axis of 7.947×10−9 kg·m2.

Flow and structural solvers
In every point of the time–dependent fluid domainΓ (see

Fig. 3), the Navier–Stokes equation for an incompressible vis-
cous Newtonian fluid are solved:

∇ ·u = 0, (2)
∂u
∂t

+ ∇ · (uu) = −∇p+
1
Re

∇2u+ f + f′, (3)

whereu is the velocity vector,p is the pressure,f is the di-
rect forcing term of the immersed boundary method [7],f′ is the
forcing term for the coronary arteries, andRe is the Reynolds
number. Bothf′ andReare later specified. The two leaflets,Li

can rotate about their own pivots and their angular displacements
θi are governed by the following equations:

Ii
d2θi

dt2 = Ti , for Li with i = 1,2, (4)
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Figure 3. SKETCH OF COMPUTATIONAL DOMAIN (d = 25mm, dc =
3mm). THE RED LINES INDICATE THE DEFORMABLE REGION.

whereIi are the moment of inertia about the pivots andTi are the
tilting moments about the pivots resulting from the viscous stress
tensorτ and the pressure integrated over the leaflets surfacesSi .
The incompressible Navier-Stokes equations are discretized in
space using second-order-accurate central differences in conser-
vative form and in cylindrical coordinates [8]. The resulting sys-
tem is solved using a fractional–step method, where the viscous
terms are computed implicitly and the convective terms explic-
itly. The large–banded matrix associated with the elliptic equa-
tion is reduced to a penta–diagonal matrix using trigonometric
expansions (FFT’s) in the azimuthal direction and the result-
ing Helmholtz equations are then inverted using the FISHPACK
package [9]. A third-order Runge–Kutta scheme is used to ad-
vance the equations in time. All the results have been obtained
with a fixed Courant number equal to 0.25 thus having a variable
time step∆t that is adjusted accordingly. Small time steps occur
during opening and closing of the leaflets, thus allowing an accu-
rate simulation of these phases, while larger time steps typically
occur after valve closure, when the mean flow is essentially zero
and the leaflets still. More details on the Navier–Stokes solver
and the IB technique are given in [7,8,10].

The Navier equation governs the dynamics of the solid re-
gion (∂Γ3 in Fig. 3):

∇ ·σs = ρs
∂2us

∂t2 (5)

whereσs is the stress tensor,ρs andus are the density and ve-
locity of the solid respectively. The constitutive relation between
the stress and strain is given by:

σs = CEs (6)

whereC is the elasticity tensor and

Es =
1
2

[

∇us+(∇us)
T +(∇us)

T ∇us

]

(7)

is the strain tensor. The finite-element commercial software
ANSYS

R©
MultiphysicsTM [11] is used to solve the above equa-

tions. It is worth noting that, in the present work the unsteady
terms of equation (5) are not considered, thus neglecting inertial
effects of the deforming structure. In particular, since the blood
is assumed incompressible, the wave propagation phenomena of
the system are not captured. It turns out that this is a quasi-static
approximation: the time evolution of the prosthesis is described
by a sequence of static configurations. For our purpose, that is
the evaluation of stress time-history of the prosthesis, we expect
that this assumption does not significantly affect the results.

Fluid–structure interaction
Two different fluid–structure interaction approaches are con-

sidered for the rigid leaflets and for the deformable aortic pros-
thesis structure.

A strong coupling scheme is employed for the solution of
the system (2)–(4) where the fluid and the structure are treated as
elements of a single dynamical system, all governing equations
being integrated simultaneously in the time–domain. A Ham-
ming’s 4th–order predictor–corrector method as described in [12]
is used to integrate equations (2)–(4) through an iterative scheme
until convergence is achieved. The number of iterations required
for convergence at each time step varied from 1 to 4, depend-
ing on the phase of the dynamics; convergence is typically more
difficult during the opening and closing phases when the leaflets
rotate very rapidly while the criterion is satisfied already at the
first iteration when the leaflets remain still or move slowly. Fur-
ther details on the method and several checks of the numerics can
be found in [10].

Considering the deforming structure, the wall deformation
and the flow problems are solved in a successive manner with a
partitioned (segregated) approach. A weak-coupling is employed
in order to reduce the computational cost of the procedure and to
use optimized solvers for both the fluid and the structural prob-
lem. For each time step, the following procedure is employed,
wheren andn+1 indicate the time levels and subscriptsf ands
indicate fluid and structure’s quantities:

1. the flow solver is advanced in time to obtain the new veloc-
ity and pressure fieldsun+1

f andpn+1
f , imposing the position

and velocity of the structure nodesxn
s andun

s as boundary
conditions for the fluid domain;

2. the loads exerted on the structure by the fluidΦn+1
f =

Φn+1
f (xn

s,u
n+1
f , pn+1

f ) are computed;

3. the structural solver is run with the computed loads,Φn+1
s =

Φn+1
f to obtain the new position and velocity of the structural

nodes,xn+1
s andun+1

s .

In this way, the approach requires the solution of the fluid
and structural problem only once per time step. Stability is en-
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sured by the very small time steps required by the flow solver to
capture the time-history of the smallest turbulent scales.

Modeling coronary-entry flow

The ultimate function of the coronary system is to deliver
blood to the cardiac tissue, that is alternately contracting and re-
laxing. During systole, the contraction of the myocardium com-
presses the intra-myocardial capillaries, resulting in athrottling
of these vessels. This effect ceases during diastole when the my-
ocardium relaxes, and, although it is stretched by ventricular di-
latation, the blood can better flow through the coronaries under
the driving pressure gradient. This leads to a pulsatile flow in
which the resistance can not be simply related to the vessel ra-
dius. Even the geometrical formulation of the problem is very
difficult due to the complex architecture of the coronary network:
the precise branching structure of the system, one of the most
compact and complex within the human body, could be mapped
for each individual up to a limited level of details, most of the
coronary small vasculature being deeply embedded within the
cardiac muscular tissue [2, 13]. Direct measurements of flow
at the capillary output of the system are not possible, the pre-
cise number of capillaries (of the order of millions) being un-
determinable as well as their flow velocity. On the other hand,
some measurements are possible at the entry-level of the system,
namely the left or right main coronary arteries departing from the
aortic sinuses. In the absence of adequate access to the system
for direct measurements of pressure and flow, simplifications are
necessary in order to study this complicate system, or at least a
part of it.

In this work we concentrate only on the very early vascula-
ture of the coronary system, namely the two vessels connected
to the Valsalva sinuses, assuming that everything downstream,
once correctly modeled, maintains the same behavior for differ-
ent aortic geometries. Therefore, bycoronary blood flowwe in-
dicate the flow through such main vessels, entering the coronary
system, that is the only flow reasonably accessible for measure-
ments. At this level, the correctness of our model can be guided
by a comparison of the results of the model in terms of flow rate
with direct measurements available. We have replaced the com-
plex branching structure of the vascular system by two identical
tubes connected to the coronary ostia of the aorta in the two si-
nuses of Valsalva (see Fig. 2). The pressure gradient between the
entrance region and the outflow of the tubes provides the driving
force for the coronary flow. In order to mimic thetissue pressure
effect[14], that is the rhythmic contractions of the myocardium
within each pumping cycle, the computational region inside the
coronary tubes is treated as a porous medium by adding an ex-
tra forcing term in the Navier–Stokes equation that modulates in

Figure 4. AORTIC (TOP) AND CORONARIC (BOTTOM) VELOC-

ITY PROFILES BY MEANS OF PULSE WAVE DOPPLER ECHO-

CARDIOGRAPHY RECORDED IN VIVO IN A YOUNG HEALTHY MAN

time the porosity of the material:

f′ =
ν(u−V)

ρDaK(t)
. (8)

HereDa = K0/L2 is the Darcy number, withK0 andL a refer-
ence permeability and reference length, respectively, andK(t)
is a time–dependent function that modulates the porosity. If
K(t) → ∞ the forcing vanishes and the standard Navier–Stokes
equations are recovered (the fluid is allowed to flow through
coronaries). IfK(t) → 0 the forcing becomes dominant in the
equation yieldingu = V: by imposingV = 0 the no–flux condi-
tion inside the coronaries is obtained. Unfortunately, the effect
of the forcing (8) on the system (3) is exactly known only for
the extreme values ofK that can not be used in practice. For the
present computations, therefore, atuningwas necessary in order
to modulate the resistance of the channels so as to obtain a real-
istic coronary flow rate. More in detail, the forcing (8) was tuned
so to reproduce a physiological flow similar to that observed by
Pulsed Wave Doppler echo-cardiographic recording in a human
being (Fig. 4). The flow profile in this individual, a young man,
has been chosen as it corresponds, by an expert cardiology judg-
ment, to the most typically observed flow profile found in normal
healthy conditions. Oncef′ has been identified as in Fig. 5 it has
been maintained identical in all simulations in which the aortic
root geometry or other flow details have been modified. Main-
taining the same forcing through all the simulations is physically
equivalent to have always the same drag of the complex vascu-
lar network downstream of the coronaries, and this is a natural
assumption since the coronary network is not modified by the
surgery of the aortic root. Within our hypothesis, we consider
the total coronary flow behaving near the optimum conditions,
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Figure 5. FORCING TERM (CONTINUOUS LINE) INSIDE CORONAR-

IES IN FUNCTION OF TIME. AORTIC FLOW (DOTS) IS PLOTTED FOR

REFERENCE

dominated by resistive flow and only slightly affected by inertial
and capacitive effects (see [15] for details).

Flow parameters and simulation details

Typical physiological conditions for an adult human being
are considered: The cycle duration is set at 866 ms, correspond-
ing to about 70 beats/min (natural heart rate at rest). The mean
flow rate was adjusted to about 5 l/min with a peak flow rate
of about 28 l/min. The blood kinematic viscosity and density
are set toν = 3.04× 10−6 m2/s andρb = 1060kg/m3 respec-
tively. The peak Reynolds number, considering the bulk velocity
at the peak inflowU = 0.95 m/s and the inflow tube diameter
d = 25 mm is aboutRe= Ud/ν = 7800. The geometries de-
scribing the prosthesis, the valve and the leaflets are embedded
into the background cylindrical structured grid. After a grid con-
vergence study, it was found that the results (in terms of leaflet
dynamics and velocity profiles downstream of the valve) were
grid converged on the grid with 217× 165× 250 nodes (about
9 millions points) in the azimuthal, radial and axial directions
respectively. The grid is uniform in the azimuthal and radial di-
rection, while it is non–uniform in the axial direction and clus-
tered near the valve. Five cardiac cycles are computed for the
two cases (straight tube and Valsalva). Each cycle is discretized
by a variable time step ranging from∆tmin = 3 µsoccurring at the
flow rate peak, to a maximum value of∆tmax= 250µsduring the
diastole. The CPU time for the computation of each complete
cycle was equal to about 75 hours on a single P-IV processor at
2.4GHz, equipped with 2 Gb of RAM for the fluid solver, while
about 100 hours per cycle are needed by the structural solver.
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Boundary conditions
For the fluid domain inflow section (∂Γ4 in Fig. 3), pres-

sure and velocity profiles are imposed in order to mimic the
physiological flow rate and pressure produced by the heart in
the left ventricle, as shown in Fig. 6. The velocity profile at
the nodes of the inflow section follows an hyperbolic tangent
function, with stretching parameterγ = 60, which yields a flat
velocity distribution in the bulk and accommodates the no–slip
boundary condition at the aortic wall within a layer of thickness
λ/d = 1/

√
Re≃ 1.2×10−2. The regions∂Γ5 and∂Γ6 in Fig. 3

are treated as outflow sections. Concerning the deformable struc-
ture, it is fully constrained at the lowest nodes (where the me-
chanical valve is fixed to the prosthesis), while a longitudinal
displacement is applied to the highest nodes (∂Γ5 in Fig. 3) to
simulate the longitudinal stresses reported in natural aorta. Re-
ferring to the work of [16], where experimental investigations on
canine and porcine aortas were performed, we consider a lon-
gitudinal displacement at the position of the aortic arch (corre-
sponding in our model at the position of the highest nodes) of
about 5mm. This maximum displacement is modulated in time
by the pressure curve depicted in Fig. 6.

At the interface between the fluid and the solid domain (∂Γ1,
∂Γ2 and∂Γ3 in Fig. 3), the continuity of displacements, velocity
(no–slip condition) and loads is imposed:

x f = xs; u f = us; Φ f = Φs (9)

Validation of the fluid-structure interaction model
The validation of the fully-coupled approach of the flow

solver with the equations governing the dynamics of the leaflets,
considering an indeformable geometry, is presented in [10]. The
comparison between leaflets’ angular displacement in time with
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respect to experimental results is shown in Fig. 7. Here, the
coupling of the flow solver with the deformable structure has
been validated considering a non-constrained pipe conveying a
fully-developed stationary flow, and comparing the results with
the analytical ones reported in [18]. In order to consider a fully
developed flow, and to avoid side-effects, the total pipe length
considered was set toLtot = 30·d0, whered0 is the diameter of
the unloaded pipe, while only the central part of the tube, with
length ofL = 10·d0, is considered for the comparison of the re-
sults. A comparison between numerical and analytical results in
terms of dimensionless pipe radiusr/r0 variation with dimen-
sionless streamwise positionx/L for different Reynolds numbers
is shown in Fig. 8. The agreement between numerical and ana-
lytical predictions is satisfactory.

RESULTS
The phase-averaged angular displacement of the two

leaflets, for both prostheses during the cardiac cycle is shown
in Fig. 9: Very little sensitivity to the aortic root geometry is ob-
served. The leaflet dynamics is greatly influenced by the pressure
gradient through the valve, and this is evident during the opening
phase, where the flow is accelerated. Small differences are no-
ticeable during the closing phase, where the deceleration of the
flow promotes high turbulence, and therefore the integration of
the pressure and viscous stresses over the leaflets is influenced by
the fluctuations in time of the pressure and velocity fields. The
leaflets closure is mainly synchronous, and it is worth noting that
the asynchronous closure observed in [10] (see Fig. 7 for a three
sinuses configuration) here is absent, due to the axysimmetry of
the geometries.
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Out-of-plane vorticity contours in the symmetry plane are
shown in Fig. 10, at three significant instant:i)) start opening
of the leaflets;ii) flow rate peak;iii ) start closure of the leaflets.
The typical configuration of the bi-leaflet valves, forming three
jets, with strong shear layers shed from the valve housing and
the tips of the leaflets is noticeable. At the peak of flow rate,
the shear layers become unstable and a strong small-scale tur-
bulence production is observed in the wake and in the sinuses
region. Both straight and Valsalva prosthesis exhibits an axysim-
metric recirculation region due to the sudden expansion that the
flow encounters crossing the valve, whereas this region is less
pronounced in the straight tube case. During the decelerating
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(a) (b)

(c) (d)

(e) (f)

Figure 10. OUT OF PLANE VORTICITY IN THE SYMMETRY PLANE

FOR THE VALSALVA (LEFT) AND STRAIGHT (RIGHT) GRAFTS: (a)-(b)

START OPENING OF THE LEAFLETS; (c)-(d) FLOW RATE PEAK; (e)-(f)

START CLOSURE OF THE LEAFLETS

phase the flow become turbulent with high production of small
scale structures downstream the valve. The leaflet start closing
under the adverse pressure gradient until complete closure. After
valve closure the main flow is essentially zero, therefore viscos-
ity dissipates the small scale structures until the beginning of the
new cycle.

Figure 11 shows the computed total coronary blood flow.
In this configuration, the computed mean coronary flow (little
below 200ml/s) is close to the upper level of the physiological
flow range, that can be up to about 5% of the aortic flow [19],
that for our setup is about 250 ml/min. The two configurations
provide essentially the same mean flow rate: 193.8ml/min and
187.21ml/min for the Valsalva and straight graft respectively,
showing that the presence of pseudo-sinuses does not influence
the coronary flow. These results are in agreement with thein vivo
observations of [20].

Table 2 reports the relative deformation of the prostheses di-

Figure 11. PHASE-AVERAGED AND MEAN CORONARY FLOW RATE.

CONTINUOUS LINES INDICATE THE VALSALVA CASE; WHILE DOT-

TED LINES INDICATE THE STRAIGHT TUBE. AORTIC FLOW (DOTS)

IS REPORTED FOR REFERENCE

Table 2. RELATIVE DEFORMATION OF THE PROSTHESES DIAME-

TER AT THE MIDDLE SECTION OF SINUS REGION, WITH RESPECT

TO THE UNLOADED CASE.

straight tube Valsalva tube

systolic 7.67 % 49.6 %

diastolic 5.56 % 34.0 %

ameter with respect to the unloaded case, in a section correspond-
ing to the middle of the sinus region. The diameter variation is
very small in the region where the crimps are horizontal, namely
for the straight tube and for the body of the Valsalva prosthe-
sis, whereas it is larger in the skirt region, where the crimps are
longitudinal, the tube taking the shape of a quasi-axisymmetric
bulb. In Fig. 12 the Von Mises stress near the coronary root
anastomoses is reported, plotted versus time for a cardiac cy-
cle and for both the prostheses. The straight tube graft experi-
ences the largest stresses, with a value of the maximum stress
that is 2 time higher than the Valsalva prosthesis. It is worth
noting that the stress peak at coronary–root anastomoses after
valve closure is greatly reduced in the straight tube because of
its more rigid structure. Finally contour maps of the Von Mises
stress distribution for both prostheses are plot in Fig. 13, at the
minimum and maximum pressures registered during cardiac cy-
cle. The maps clearly show how the stress values, in the region
corresponding to the sinuses, are smaller for the Valsalva pros-
thesis than the straight one. It is worth noting that higher val-
ues of the stresses are found near the sinotubular junctions, but
this raises no concern because this zone is not prone to rupture
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Figure 12. VON MISES STRESS VERSUS TIME IN A REGION NEAR

THE CORONARY ROOT ANASTOMOSIS

Figure 13. (a) UNLOADED CONFIGURATION AND VON MISES

STRESS CONTOURS AT MINIMUM (B) AND MAXIMUM (C) LEVELS OF

PRESSURE DURING A CARDIAC CYCLE FOR THE VALSALVA (TOP)

AND STRAIGHT (BOTTOM) GRAFTS.

(being an all-Dacron component reinforced by machine suturing
during the manufacturing), differently from the hand-sewn coro-
nary root anastomoses. The lower stresses found for the Valsalva
prosthesis is a suitable result that could reduce complications like
the bleeding and the pseudoaneurysm formation in the region of
coronary-root anastomoses.

CONCLUSIONS
In this paper an accurate numerical method to study the

flowfield inside deformable geometries is presented. The use of
the immersed boundary technique allows one to handle complex
moving and deforming geometry in an efficient way, maintaining
the computational grid fixed in space, with no need for regener-
ating it at each time step. A direct numerical simulation method
is chosen for describing the flow behavior. Two fluid-structure-
interaction approaches are employed in order to study the solids’
dynamics: a fully-coupled approach for rigid bodies moving in-
side the computational domain, and a weak-coupling approach
for deforming structures. The approach presented is used to
study the flowfield inside two type of aortic prostheses used in
practice by surgeons, when a disease affects simultaneously the
aortic valve, aortic root and ascending aorta: a straight tube, and
a Valsalva tube with a bulged portion in the region where the
natural sinuses are present. Both the prostheses considered are
equipped with a bileaflet mechanical heart valve. Also the stress
concentration near the junction of the coronary arteries to the
prostheses, that is prone to rupture in the real case, is evaluated.
The prostheses’ material considered is Dacron, modeled as or-
thotropic, with an inversion of the orthotropic directions in the
sinus region for the Valsalva prosthesis. Several complete car-
diac cycles are studied, under pulsatile physiological conditions.
Leaflets’ motion and coronary entry flow are only slightly af-
fected by the prosthesis type, while stress concentration found
near the coronary root anastomoses is higher, by a factor of two,
for the straight tube prosthesis, this indicating that the Valsalva
one should be preferable in practice, reducing the risk of compli-
cations like pseudo-aneurysm formation at the coronary suture
lines.
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