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Abstract

In this work, a multidimensional 3D-1D FEM model of the whole arterial tree is implemented. It comprises a 3D compliant model of
the carotid bifurcation coupled with a 1D model for the remaining part of the arterial tree. With this approach, difficulties arising from
the treatment of boundary conditions for the 3D model are naturally handled. The Navier—Stokes equations are used as the governing
equations for the blood flow while an elastic compliant model is implemented for the arterial wall. Also, the A.L.E. formulation is con-
sidered within the 3D blood regions taking into account the domain deformations produced by the moving artery wall. This 3D model is
complemented with a 1D model of the entire arterial tree, in order to appropriately set inflow and outflow boundary conditions for the
former. The reduced 1D model solves the momentum and continuity equations in compliant tubes so as to reproduce the propagation of
the pressure pulse in the arterial network. Also, a volumetric flow rate is imposed at the inlet to model the systolic work of the heart. The
peripheral arteriole beds are simulated with the well-known lumped Windkessel model. A standard geometry of the carotid bifurcation is
discretized with P1 bubble-P1 tetrahedral elements. The obtained results properly reproduce the general flow patterns reported in the
literature. Very good agreement between the outcomes of a pure 1D model and those of the combined multidimensional model was
obtained. It is worth noting that this kind of model may provide useful information to gain understanding in the genesis and develop-
ment of arterial diseases.
© 2005 Elsevier B.V. All rights reserved.
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1. Introduction

Arterial vessel trees perform the vital task of efficiently supplying blood to all organs and tissues of the body, carrying
nutrients and removing catabolic products. Hemodynamic simulation studies have been frequently used to gain a better
understanding of functional, diagnostic and therapeutic aspects of the blood flow. These simulations usually employ com-
partmental representations or branching tube models of arterial trees as their geometrical substrate [1,28-31,33]-specially
to model large extended zones—whereas localized three-dimensional models have been often implemented to study arterial
flow in more detailed aspects [3,7,20,27,35].

Blood flow studies in the carotid artery bifurcation are of great clinical interest with respect to both, the genesis and the
diagnostics of atherosclerotic diseases. It is well known [13] that the flow separation region of the carotid sinus has the
propensity to develop atherosclerotic plaques. In this sense, the local hemodynamic structure is intimately related to
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atherogenesis onset and progress [2] as low shear stress regions are associated with the development of stenotic plaques.
Consequently, localized atherosclerotic lesions must be related to local flow conditions. Moreover, a deeper understanding
and better descriptions of the flow structure in such a kind of vascular district ought to be of the greatest importance for the
early detection of this type of arterial stenoses.

Several local 3D in vitro and computational flow models have been implemented, revealing the complex flow structure in
the carotid sinus district. Bharadvaj et al. [37,38] defined a standard geometry of the carotid bifurcation (an average over 57
actual geometries from different subjects) and conducted stationary studies of the internal carotid blood flow. They found a
region of low velocities near the non-dividing wall that extend with increasing Reynolds number. Conversely, the opposite
region showed large axial velocities and shear stresses. These results were confirmed by Rindt et al. [3] using experimental
and computational stationary models. Ku and Giddens [4-6] observed a similar process in 3D models during the acceler-
ating period of the diastole and also, the existence of velocities disturbances during the decelerating phase and at the onset
of the diastole. Some similar experiments have been conducted in compliant models [14].

To perform focused numerical and in vitro realistic experiments on a district such as the carotid bifurcation, special
attention must be paid on the boundary conditions applied to the model. As the pressure differences between inlet and out-
let boundaries are only a small percentage of the systolic-diastolic pulse amplitude, this imposes the problem of accurately
determine the pressure, a condition that is difficult to reach in practice. In this way, small errors in the imposed pressure
could lead to great departure of the velocities from the actual values. Conversely, if flow is imposed as boundary condition
at the inlet and outlet of the analyzed zone, negligible variations on these values could lead to exaggerated low or high
pressures. Accurate enough measures of those variables are very difficult or very costly to obtain simultaneously at the in-
flow and outflow regions for an entire cardiac period, even more in a non-invasive way. This in turn, leads to implement full
models of the arterial tree in order to avoid artificial boundaries in the vicinity of the analyzed zone. Three-dimensional
models of the whole arterial tree are, at the present times, not realizable as computational costs well exceed capabilities
of modern computers and also, since it is a very compromised task to obtain and manage all the information (geometric
and physiologic) necessary to construct such detailed models. Consequently, it is an interesting idea to model localized
zones with great detail as 3D districts coupled with a 1D model—for the remaining part of the arterial tree—that serves
as a boundary conditions provider to the former. This leads to a reduction in the number of parameters involved and also
the overall complexity is substantially decreased.

Recently, the coupling and integration of models with different dimensionality have been analyzed by Quarteroni et al.
[16-21], linking together lumped models with 3D models of the arterial tree. This task is very cumbersome since this prob-
lem involves deformable domains (compliant arterial walls) as well as other non-linearities in the governing equations such
as convective terms, fluid-structure interactions and also, regions of diverse dimensionality and the coupling conditions
between them. The authors have proposed elsewhere [11] an alternative approach for coupling models of non-matching
dimensionality and used it to implement a model of stenoses in the common carotid artery. In this work, it is implemented
a multidimensional 3D-1D model of the whole arterial tree which includes a 3D finite element model of the carotid bifur-
cation coupled with a 1D model for the remaining part of the arterial tree. Flow patterns for an entire cardiac period are
obtained and analyzed in order to gain insight in the complexity of the unsteady flow in that region and also to evaluate the
computational requirements for an accurate representation of the phenomena. Furthermore, flow rate and pressure curves
at the inlet and outlet of the bifurcation are analyzed in order to show the compatibility of a pure 1D model with the cou-
pled multidimensional model presented here.

2. The model
2.1. Governing equations

A compliant model of the whole arterial tree was developed. It comprises a 3D model of the carotid bifurcation embed-
ded in a 1D representation for the rest of the arterial tree [12]. The governing equations for the 1D portion of the arterial
system are derived from a reduced Navier—Stokes model. This leads to the following hyperbolic set of non-linear partial
differential equations:
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where A is the artery cross sectional area, u the axial velocity (& the corresponding mean value), x the axial coordinate, P
the mean pressure, p the blood density, 7, the viscous shear stress acting on the arterial wall with f, a Darcy friction factor
(in this work a fully developed parabolic velocity profile is considered) and « is a correction factor for the axial momentum.

Taking into account the compliance of the arterial walls, a closure equation relating the pressure to the cross sectional
area is implemented

Ehy [ [A
P=Py+—2( /21 4
O+R0( Ao ) 4)

where a linear relationship between P and R is considered, being R the radius of the artery, E an effective Young’s modulus,
h the thickness of the arterial wall and the subscript ‘0’ denotes quantities evaluated at the reference pressure Py.

The local 3D fluid dynamics was described using the 3D time-dependent Navier—Stokes equations for incompressible
Newtonian fluids considering an A.L.E. method [32] in order to take into account the deformability of the domain.
The governing equations are as follows:

p%+p(u7v)Vu7uV2u+VP: f inQ, (5a)
divu=0 1in Q, (5b)
u(x, ) =ua(x) in Q, (5¢)
u(x, 1) = vy(x,¢) in Iy, (5d)

where u is the fluid velocity, v is the moving reference frame velocity consistent with the A.L.E. formulation (and corre-
spondingly, vy, is the wall velocity), P is the pressure, f are the volume distributed forces, p and p stand for the constant
fluid density and the dynamic viscosity, respectively.

To obtain a field v corresponding to the velocity within the domain we solve a homogeneous Laplace problem for each
displacement component, as stated by the following equation:

VAx =0 in Q, (6)

where Ax is the displacement vector of the moving domain from its reference configuration. The boundary conditions for
these problems are given by

Ax=¢6n in I, (7a)
V(AX)-n=0 in I} (7b)
Enh . .
P—Py=—0d inT\, (7¢c)
RO
withi=1,..., No. Thus § is the displacement of the arterial wall in the normal direction of the surface (n is the unit normal

vector to the surface). Here, Eq. (7c) is analogous to that for the 1D model given in Eq. (4). In this way, the 3D model is
provided with the simplest model for the arterial wall often called of “independent rings”, in order to supply appropriate
closure equations.

Consequently, the wall velocity v,, is obtained from the time derivative of the displacement Ax at each point of the arte-
rial wall I'y, (see Eq. (7a) above).

2.2. Coupling conditions

Another group of equations must be considered to appropriately set the coupling between the 1D and the 3D models at
the interface surfaces. To derive these coupling conditions, let us consider first a 1D segment divided into two parts, as
shown in Fig. 1. In this case, flow continuity and pressure continuity arise as natural conditions at the interfaces in order
to provide continuity to the relevant quantities. In view of that, we have
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Fig. 1. Partition of the 1D model to set the coupling conditions.

P =P (8a)
0 --0". (8b)

Observe that, area continuity is implicitly assured if both segments have the same constitutive law for the arterial wall.

Then, those coupling conditions must remain valid when substituting one of the 1D segments with a higher-dimensional
model. On one hand, weak continuity on pressure at the interfaces of zones with different physical dimensions may be
achieved by properly setting the Neumann boundary conditions within the variational formulation of the Navier—Stokes
problem for the multidimensional domain (see Eq. (9)). In this way, using the pressure of the 1D model at the interfaces as
Neumann boundary conditions in the variational formulation of the momentum equations for the multidimensional N-S
problem we have

/p@~wd9+/p(u7v)Vu~wde/P divwdQ+/uVu~deQ
o Of Q Q Q

Ner
:—Z/Piw-ndl",-+//’f-wd9 vwe H(Q)', ®)
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where I'; are the faces that are linked with a 1D model, N is the number of coupling faces in the model, being P, the mean
pressure value as given by the 1D model at the coupling interface I';. In this way, the corresponding Euler equation for the
traction terms is consistent, in a weak sense as shown in Fig. 2, with:

1

n meas(T) /r( n—uVu-n),dl’; onl; i=1,...,Ng (10)

Eq. (10) does not actually imply condition (8a), due to the term xVu - n. However, by finding the non-dimensional tensorial
expression associated to Eq. (10),

Re Ox*

Pjékm: <P*5km_ : aul{) ) (11)
where the * superscript means that the corresponding quantity is non-dimensional and dy, is the Kronecker delta. It is easy
to see that pressure continuity is achieved in the limit of high Reynold numbers (Re), a condition that is fulfilled for the
flow regimes prevailing at the carotid artery.

On the other hand, an additional equation is required to impose flow continuity at each coupling face, resulting the
following expression that satisfies condition (8b)

Qi:—/ru-ndl"i i=1,...,Ng. (12)

The aim of the coupling scheme is to supply for the two subproblems (the 1D formulation and the corresponding for the
3D model) with appropriate boundary conditions in order to each subproblem result well posed from the point of view of a
domain decomposition technique. It is worthwhile to note that, if we consider the problem splitted into two subproblems in
the context of a domain decomposition strategy, the 1D model furnishes the multidimensional model with pressure bound-
ary conditions on the coupling surfaces, whereas the multidimensional model imposes flow boundary conditions at the cou-
pling points of the 1D model.

Iy
P RVAVAVAVATAVAV. RRLAK T
P =P
n X Q=-qQ"
.y r, I
2D-3D Domain (-) 1D Domain (+)

Fig. 2. Coupled system with a part replaced by a multidimensional model.
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The resulting system of equations can be solved with a fully coupled scheme as well as with the mentioned subdomain
strategy. In this work we have chosen the first alternative, although a subdomain decomposition may be useful as a pre-
conditioner for the algebraic system of equations. The coupling strategy proposed here appears as a very simple and robust
alternative to couple zones of diverse dimensionality in comparison with those proposed in [17], as they demand an imprac-
tible number of subrelaxation iterations for flow values within the physiological range [17]. In contrast, with the alternative
proposed here no subrelaxation iterations were needed at all.

Observe that the number of unknowns associated to the 1D portion of the model are not significant when compared
with the total number of unknowns. Furthermore, the 3D portion of the system is responsible for the major part of the
computational costs, mainly due to its higher dimensionality. Notice that momentum continuity is implied in the correct
choice of the parameter « in Eq. (3a), that must be evaluated non-linearly from the results of the 3D model. Here we have
used o = 1 constant. In this way the former requirement is not completely fulfilled, however, it must be noted that relaxing
this condition does not produce significant spurious reflections in the case of long wavelengths, as is for the cases concern-
ing this work.

3. Numerical approach
3.1. The 3D model

For the numerical solution of the 3D flow problem the finite element method was applied: the approximation makes use
of P1-P1 bubble tetrahedral elements with linear enriched interpolation functions for the velocity vector field and linear
pressure [15].

The equations are solved using the finite element SUPG [34] method with implicit Euler backward differences for time
derivatives and Piccard iteration for non-linear convection terms. The solution of the time-dependent 3D Navier—Stokes
equations is performed in two sub-steps: in the first one, the bubbles degrees of freedom are eliminated by direct substi-
tution, and in the second one, those unknowns are updated as necessary for the evaluation of the second member of
the first set of equations at the following time step. The deformation of the domain is accounted through a Laplace equa-
tion for the displacement of the mesh—again, tetrahedral linear elements are used—where boundary displacements at the
arterial wall are given by Eq. (7c). The fluid—structure interaction problem concerning the arterial wall deformability is
treated as fully coupled, regarding this issue, no stability problems were encountered along the numerical calculations.
The backward Euler scheme used for time integration of the mesh movement does not satisfy the so called Geometric Con-
servation Law [22-25], so mass conservation is checked at the inlet and outlet interfaces of the 3D models.

Flow velocity patterns were calculated for a carotid artery bifurcation geometry proposed by Bharadvaj et al. [37,38]
scaled to match the common carotid diameter of the 1D model (0.74 mm). The resulting geometry is shown in Fig. 3.

Lg=311cm

Ql
—" L,=0.93cm

Fig. 3. 3D carotid bifurcation geometry model.
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Fig. 4. 3D FEM mesh-tetrahedral elements.

The corresponding 3D mesh used in the calculations is exposed in Fig. 4, it has 14,159 nodes and 71,732 tetrahedral ele-
ments. With the simple wall model implemented it is possible to obtain self-intersecting surfaces for the deformed geometry
at non-convex portions of the arterial wall. Although this is not a problem with the present numerical algorithm, it is not a
realistic situation. But, also this issue could led to very badly shaped elements even with negative volume. To account for
this potential problem the arterial wall was stiffened ten times for elements at the apex of the bifurcation. It is important to
note that the present work is not concerned with the realistic representation of the arterial wall but with coupling compliant
models of diverse dimensionality in an effective way.

3.2. The 1D model

Considering the corresponding eigenvalue problem for the 1D model, this system can be recasted in its canonical form
along the characteristic lines [39,40], defined by the elastic propagation celerities (wave speeds), / and f~

D D4
Q f+ =8 along x =1 (x(2),1), (13a)
%?—f‘%—g along x = f*(x(¢),1) (13b)
with
A (0P 0L  flu|Q
&= (6/1,- & 4R ) (14)
where /; are the parameters involved in the expression of P, such as 4, E, etc. and
0 0 40P
+ f— —_ —
/ —“A+\/< DRt (150)
) O AoP
f =a \/oc(oc 1)A+p6A (15b)

When a numerical solution is attempted for the above problem (Egs. (13)), the propagatory nature of the pulse waves must
be taken into account, imposing the need of upwinding along the corresponding characteristic lines. In consequence, the
numerical scheme is derived from a least squares form of the variational formulation. First, writing Egs. (13) in their partial
derivative form, we have

04 04
LirZer(Grry) - (162)

= f*a—Q—f (aA +f+aA) —z (16b)
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Then we proceed with time discretization as follows:

Q’H—l _ Qn B aQ . An+1 _An - 6A »
et _ i - = g" 17
At +f x|, / At +f x|, & (17a)
Qn+1 _ Qn . aQ ~ An+1 — 4" . o4 e
At +f x|,.p / At +f x|,,0 -8 (175)

with 1 < 6 < 1. After the introduction of standard linear ” finite element interpolation for the spatial variations of Q and
A, two residuals are obtained

__ O =0, 00:9; (AT G A i, "
R = At +f ox |n+0 f At +f ox |n+0 g ’ (lga)
0"~ Ol | . 000, (A~ A 04, 0
+ =i i i + i _ i i i i + i ot
R - At +f ax |n+9 f At +f ax |n+9 g * (18b)
As mentioned, we obtain the set of equations by introducing a least squares technique, giving
/Q(Rl?(:) LR 25)dQ =0, (19a)
/(R*.,f; R 2T dQ =0, (19b)
Q

where we have
99,
ox’

F_ pE + ¢%
Li=r <¢j+f T ax>' (20b)

In the expressions (19) upwinding technique was performed, modifying the weighting functions as shown in Egs. (20),
where 77 is the upwinding characteristic time.

With the proper choice of parameter 17, Egs. (19) may be alternatively considered as a least squares (LSFEM) formu-
lation [41,42] or a Galerkin least squares (GLS) formulation [36], as indicated in the following equations:

77 = At — LSFEM, (21a)

Lo=¢;+ 17 (20a)

= %Ax sign{f/"} — GLS. (21b)

Nevertheless, for Courant numbers close to unity both techniques have identical results for the tested cases.

The resulting algebraic system of equations is non-linear, thus Piccard iterations are employed to face this issue. The
scheme is operated with 6 = 0.5 and for a fixed time step, the element lengths are adjusted to get Courant number near
to 0.85 at the beginning of the calculations.

In case of bifurcations and terminals, and even for the heart, it is implemented a Generic Windkessel element (see
Fig. 6). These elements comprise N + 1 nodes, where N is the number of concurrent segments to the bifurcation. Addi-
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Fig. 5. Inflow boundary condition.
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Prer

Fig. 6. A general Windkessel element.

tionally, a lumped branch is attached to these elements whose behavior are determined by a resistance R; in series with the
parallel of a resistance R, and a capacitor C, the proper Windkessel terminal [30,31]. This element is used to implement all
conditions on bifurcations and other singularities by means of setting element parameters as will be mentioned later in this
section. The corresponding set of equations for a typical connection is as follows:

Pi=P i=2,...,Neg+1, (22a)
Nes+1
> 0,=0, (22b)
i=1
Aoy, 1 dAP

dt  RR,C ReC=g + AP = (Ri +R2)Oyo | (220)

where AP = Py_ 1 — Pr. The system of equations ensures pressure continuity as stated by Eq. (22a), blood flow conser-
vation at the connection element (Eq. (22b)) with Eq. (22¢) representing the Windkessel behavior of the attached lumped
branch.

In this way, for a branch bifurcation the sum of R; and R, must tend to infinity in order to satisfy mass conservation
between the concurrent segments. For pure terminals, the parameters determine the peripheral beds behavior and are ob-
tained according to physiological data available, as shown in Table 1. Also, the inflow condition at the root of the aorta
(heart ejection) can be modelled with this generic element as follows: consider a function Q(¢) representing the heart flow
ejection that must be imposed as boundary condition at the entrance, see Fig. 5. Then, we can impose that flow curve by
doing P.(f) = (R + Ry)Q(t), with C =0, and setting R; + R, > Z,, where Z, is the characteristic impedance of the aortic

Table 1

Windkessel terminals

No. Name Ry (dynscm 2 ml ™) R, (dynscm 2 ml™") C (mlcm?dyn™ ")
1 Coronary 10.00E3 41.00E3 0.7900E—5
2 Intercostals 2.78E3 11.12E3 0.1638E—4
3 Gastric, hepatic and esplenic 2.54E3 10.17E3 0.2967E—3
4 Renal (two) 1.26E3 5.04E3 0.1235E-3
5 Superior mesenteric 1.92E3 7.68E3 0.1726E-3
6 Inferior mesenteric 16.62E3 66.46E3 0.7400E—4
7 Internal iliac 17.04E3 68.17E3 0.6750E—4
8 Deep femoral 11.60E3 46.39E3 0.5030E—5
9 Anterior tibial 56.15E3 224.61E3 0.4170E-5
10 Posterior tibial 9.54E3 38.16E3 0.3900E—5
11 Vertebral 16.65E3 66.60E3 0.9880E—4
12 Interosseous 211.74E3 846.96E3 0.3107E—-6
13 Ulnar 10.56E3 42.24E3 0.3520E-5
14 Radial 10.56E3 42.24E3 0.3520E-5
15 Carotid 6.31E3 25.55E3 0.1330E-5
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=== symmetry

(O arterial segment

[ Windkessel terminal

Fig. 7. Arterial tree scheme.

root. Therefore, with the proper choice of P (f) and R;, R, and C, any cardiac flow curve can be easily implemented as
inflow boundary condition.

The geometry and other parameters involved in the calculations are shown in Fig. 7 and also in Tables 1 and 2. Some
minor modifications are introduced here in order to match the diameters and lengths of the 1D model to those used in the
3D representation of the carotid bifurcation for the left external and internal carotid arteries. Finally, the selected values
for p and p were 1.04 g/cm® and 0.04 P respectively.

The resulting system of equations is discretized with a mesh comprising 686 nodes, 642 elements and considering three
degrees of freedom per node (A, P, Q). The inlet boundary condition describing the heart blood flow is shown in Fig. 5 as
previously mentioned, it has a period ¢t = 0.8 s and was obtained from [26].

3.3. Implementation

The whole model was computationally implemented in a numerical framework [10] that allows to easily integrate dif-
ferent kinds of elements as “plug and play”” without modifying the main program, i.e., the programmer only must provide
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Table 2

Geometric and rheologic values of the arterial segments

No. Name Length (cm) Proximal radius (cm) Distal radius (cm) Eh (dynecm™)
1 Ascending aorta A 1.0 1.46 1.46 741,500
2 Ascending aorta B 3.0 1.45 1.45 741,500
3 Aortic arch A 2.0 1.12 1.12 741,500
4 Aortic arch B 3.9 1.07 1.07 576,200
5 Thoracic aorta A 5.2 1.0 1.0 545,640
6 Thoracic aorta B 10.4 0.675 0.675 394,000
7 Abdominal aorta A 53 0.61 0.61 370,500
8 Abdominal aorta B and C 2.0 0.6 0.6 348,000
9 Abdominal aorta D 10.6 0.58 0.58 352,400
10 Abdominal aorta E 1.0 0.52 0.52 252,500
11,31 Common iliac 5.8 0.37 0.37 368,150
12,32 External iliac 14.4 0.32 0.32 148,700
13,33 Femoral 443 0.26 0.26 230,900
14,34 Posterior tibial 33.1 0.25 0.25 667,500
15 Innominate 34 0.62 0.62 377,000
16,17 Subdavian A 34 0.423 0.423 288,700
18,19 Subdavian B 422 0.403 0.403 1,170,000
20,21 Ulnar A 6.7 0.215 0.215 679,100
22,23 Ulnar B 17.1 0.203 0.203 717,664
24 Right common carotid 20.8 0.37 0.37 264,000
25 Left common carotid 19.87 0.37 0.37 264,000
26 Right external carotid 17.7 0.177 0.177 259,000
27 Left external carotid 15.48 0.21 0.21 302,504
28,35 Anterior tibial 343 0.13 0.13 513,145
29,30 Radial 23.5 0.174 0.174 682,580
36 Right internal carotid 17.7 0.177 0.177 259,000
37 Left internal carotid 14.59 0.2627 0.2627 378,130

Fig. 8. Volume difference between systole and diastole.

the elemental matrices and organize the input in such a way that all run together. The linear equations are solved by a
preconditioned (LU incomplete decomposition from SparseKit [9]) conjugated gradient square method [8], although sim-
ilar performance can be obtained with BCG stabilized [9]. The cardiac period (f = 0.8 s) was divided into two subperiods.
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For the systolic subperiod, a time step of 2.5E—3 s was used, and for the diastolic one was selected a time step of SE—3 s. In
this way, a very efficient and cost effective solver of the problem was implemented, making possible to obtain the results on
a PC platform.

4. Results

Here we present some illustrative plots at selected times. In general, the flow has a very complex and unsteady structure
showing an early back flow due to the inversion of the pressure gradient at the peak of the systole (Fig. 9).

P [dyn/cm?]
189239
189075
188910
— 188745
— 188580
— 188415
— 188250
— 188085
1 187920
—1 187755
1 187590

187425
187260
187095
186930

Fig. 9. Normal stress during systole at # = 0.05 s inverse pressure gradient.

Fig. 10. Velocity during systole, t = 0.125s.
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(a) (b) (c)

(8) (h) (i)

Fig. 11. Velocity profiles. (a) £ =0.05s, (b) t=0.10s, (c) t=10.15s, (d) t=0.20s, (¢) t =0.25s, (f) t=10.275s, (g) t =0.30s, (h) 1 =0.40s, (i) t =0.60 s.

A considerable deformation of the artery volume can be observed in Fig. 8 where volume differences during diastole (red
shaded') and systole (black wire frame) are displayed.

As can be seen in Fig. 10, a zone of low velocities near the non-divider wall of the carotid sinus is observed and con-
trariwise, a high velocity region occurs near the divider wall. These results agree with those obtained experimentally and
numerically in Refs. [7,14,37,38]. Detailed inspection of the computational results (see Fig. 11(a)—(i)) displays the general
characteristics occurring in the carotid sinus, a period with reverse axial flow starts at the peak of the systole and remains
until the beginning of the diastole. This is illustrated for the V. component of the velocity vector during the decreasing
phase of the systole as shown in Fig. 12. Also in that figure can be observed a typical Womersley flow at the entrance, where

! For interpretation of the references in colour in this figure legend, the reader is referred to the web version of this article.
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Fig. 12. Back flow during late systole, = 0.18 s.

(a) (b) ()

(@ (h) i)

Fig. 13. Velocity profiles at the entrance of the common carotid. (a) t = 0.05s, (b) t=0.10s, (c) t =0.15s, (d) r=0.18 s, (¢) t =0.20 s, (f) t =0.25 s, (g)
t=0.30s, (h) t=0.40s, (i) t=0.60s.
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Fig. 14. Flow rate and pressure curves at the interfaces. (a) Major outlet, (b) minor outlet, (c) inlet.

the flow reversal occurs at the outer ring while at the center the velocity remains positive. In Fig. 13(a)—(i) the obtained
computational velocity profiles at the entrance of the common carotid are presented.

Also the outflow velocity profile for the internal and external carotid was integrated over the duration of the cardiac
cycle and compared with that for the inflow condition, resulting in a conservation of mass higher than the 99.5%.

With the aim of examining the consistency of the multidimensional coupled model with regard to a pure 1D model, flow
rate and pressure curves are compared. This is carried out by plotting results at the inlet and at the outlets of the 3D dis-
tricts. Fig. 14c shows those quantities for the inlet, whereas Fig. 14(a) and (b) shows the same for both outlets. Also from
these plots, the non-dimensional L? norm for the differences between values corresponding to the coupled model and the
pure 1D model was evaluated, resulting in errors lower than 2% for all cases.

In this point, it is important to mention that the influence of a parietal viscoelastic behavior is under analysis in order to
reproduce real flow curves at the common carotid artery. Likewise, the implementation of non-Newtonian models is being
studied so as to determine changes in the flow structure at the carotid sinus.

5. Conclusions

A computational model that face the problem of simulating compliant 3D arterial districts coupled with a 1D model of
the rest of the arterial tree was presented. The resulting scheme has shown excellent capabilities to deal with considerable
domain deformations while preserving the computational efficiency. Calculations of the flow field for the carotid artery are
in general agreement with those reported previously in the literature, for both experimental and numerical cases [5—
7,14,27]. The consistency of the coupled model was also shown by computing flow rate and pressure curves at the coupling
boundaries and comparing these results with those of a pure 1D model. Finally, this class of model can be of valuable aid
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as it takes into account more realistic boundary conditions when studying 3D zones of the arterial tree, a fact that can
contribute to gain insight on the flow patterns that influence the start and development of atherosclerotic disease.
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