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Abstract This study describes a multidimensional 3D/
lumped parameter (LP) model which contains appropriate
inflow/outflow boundary conditions in order to model the
entire human arterial trees. A new extensive LP model of the
entire arterial network (48 arteries) was developed including
the effect of vessel diameter tapering and the parameteri-
zation of resistance, conductor and inductor variables. A
computer aided-design (CAD) algorithm was proposed to
efficiently handle the coupling of two or more 3D models
with the LP model, and substantially lessen the coupling
processing time. Realistic boundary conditions and Navier–
Stokes equations in healthy and stenosed models of carotid
artery bifurcation (CAB) were used to investigate the un-
steady Newtonian blood flow velocity distribution in the
internal carotid artery (ICA). The present simulation results
agree well with previous experimental and numerical stud-
ies. The outcomes of a pure LP model and those of the cou-
pled 3D healthy model were found to be nearly the same in
both cases. Concerning the various analyzed 3D zones, the
stenosis growth in the ICA was not found as a crucial factor
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in determining the absorbing boundary conditions. This pa-
per demonstrates the advantages of coupling local and sys-
temic models to comprehend physiological diseases of the
cardiovascular system.
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1 Introduction

According to hematology, the arterial trees in the human
body execute biotic functions including the supply of oxygen
and essential nutrients to all sites of the body, the transport
of hormones and the removal of catabolic products. Com-
putational fluid dynamics (CFD) have been widely used for
deeper awareness of diagnosis processes, as well as for bet-
ter understanding of therapeutic aspects of blood flow in de-
generative diseases. The hypotheses of these simulations are
typically twofold: first, applying the model of branching ar-
terial trees based on their geometric features frequently to
model expanded areas [1–13] and, second, employing local-
ized three-dimensional models explicitly to provide more de-
tailed information [14–21].

From a clinical practice point of view, investigation of
blood flow in the carotid artery bifurcation (CAB) is a sig-
nificant endeavor oriented towards determining the local tis-
sues prone to atherosclerotic lesions. The sinus region of
the CAB is believed to have a great propensity to develop
these lesions [22]. In this respect, the vascular structure re-
lated to localized hemodynamic issues plays an important
role in developing stenotic plaques, especially in the region
of low wall shear stress [23]. As a consequence, the criti-
cal and challenging issue for the formation of this kind of
arterial stenosis is to tie its generation to the local flow con-
ditions. However, a better knowledge of the complex flows
in this type of vascular region might help in earlier diagnosis
of these localized hemodynamic issues.
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Numerous researchers have consistently studied CAB
using 3D computational flow models [24–28]. Perktold et
al. [27] investigated non-stationary non-Newtonian flow
characteristics in a 3D CAB model and observed flow sepa-
ration at the non-divider sinus wall during the systolic de-
celeration phase. They found that oscillating shear stress
throughout the pulse cycle is conclusively generated from
the changing of the velocity near the non-divider sinus wall.
Ghalichi [29] calibrated the effect of the variation of stenosis
in the stenosed model of the CAB under a pulsatile flow sim-
ulation and concluded that the stenosis phenomenon could
lead to acceleration of the blood flow in the carotid sinus with
a high velocity gradient. Also, the author observed forward-
directed velocity profiles in the entire stenosis and negative
velocities in its downstream. Some computational studies
have also been performed in order to suggest a possible ex-
planation of the blood fluid dynamics in the presence of a
vascular stenosis [30–34]. In such investigations, the flow
and/or pressure pulses as boundary conditions for 3D mod-
els were imposed without any feedback from the remaining
part of the circulation.

One of the main causes of the problem in precise pres-
sure measurement is the small pressure differences between
the inlet and outlet of the investigated territory, in compari-
son to the systolic-diastolic pulse amplitude. These negligi-
ble variations on the actual value of pressure are applied at
the inlet and outlet boundaries, which brings about overes-
timated velocities. Contrarily, trivial errors in the enforced
flow could end in considerable deviation in the pressures
from the absolute values [35]. On the other hand, analyz-
ing the entire arterial trees as a 3D model could be impracti-
cal because of high computational costs and inability to ac-
cess all of the geometric and physiological information about
the blood circulation system. Thus, to efficiently model the
global arterial system and substantially decrease the compu-
tational expenses, an appropriate approach is to treat local-
ized regions of interest as three-dimensional zones with an
LP or one dimensional model of the remainder of the circu-
latory network leading to realistic boundary conditions.

This geometrical multiscale approach was used by sev-
eral authors to come to a sufficiently detailed understand-
ing helpful in the treatment of vascular diseases. Laganà et
al. [36] linked an LP model with a 3D model to study pul-
monary and coronary perfusion in the circulation network.
Moura [37] coupled a 3D model of the CAB with a non-
artificial 1D vascular system illustrating the circle of Willis
and determined that the coupling 3D and 1D fluid-structure
interaction (FSI) models could be an accurate tool to gain
insight in the vascular systems. Using similar concept, a
number of studies have also been reported in Refs. [35, 38–
49]. Balossino et al. [38] applied a multidimensional method
(3D/LP) to model the three phases of a plaque growth
through a real 3D configuration of the CAB with particular

role of non-enforced boundary conditions in the prediction
of hemodynamics scenarios. Their numerical results showed
that stenosis growth in the carotid arteries was significantly
dominated by the remaining part of the circulation system,
due to lack of noticeable differences between flow rates at
the artificial sections of a stenosis carotid artery and a healthy
one. Nevertheless, no multiscale investigation on the analy-
sis of physiological blood flow through a stenosis has been
reported.

Although numerous studies dealing with the idea of
coupling the detailed 1D/3D model with reduced lumped
network models have been conducted [36, 38, 50, 51], very
few cases are available that have an lumped parameter (LP)
model for a considerable number of branches which de-
scribes the distributed nature of arterial properties with suf-
ficient accuracy. With a view towards this issue, a multi-
segment branching structure consisting of 48 arterial seg-
ments was developed in the current study. The effect of ves-
sel diameter tapering and parameterizing the model values
to provide the freedom of changing the constituent relations
were added to the model, so that one may use the desired re-
lations in place of the ones used previously by Shi et al. [52].

A review of the coupling mechanisms used in geomet-
ric multiscale research showed that many previous stud-
ies (e.g., Ref. [36]) have taken advantage of the Fluent1

computational fluid dynamic codes for the 3D portion of the
calculations, while they have incorporated relevant govern-
ing laws of the entire lumped circulation by including alge-
braic differential equations in the Fluent code by means of
user-defined-functions (UDFs). However, this strategy has
come under two major criticisms. First, although adding a
UDF to Fluent execution code as a solver of the LP model
is a way of obtaining a fully space-time coupled solution,
the stringent task of writing UDF code in a parallel plat-
form should be undertaken by users to do parallel 3D com-
putations. Second, derivation of LP model basic equations,
transforming the equation system into an ordinary differen-
tial equation (ODE) system and finally writing a UDF code
in C programming language, all increase the probability of
introducing errors. Consequently, most researchers have pre-
ferred to use a non-extensive LP model under simplified as-
sumptions. Furthermore, the previous method limits the mul-
tiscale model of the cardiovascular system to only one 3D
model, whereas coupling two or three detailed 3D simula-
tions with an extended LP modeling of the rest of the car-
diovascular system provides a greater opportunity for wider
applications.

One of the innovations in the current study is the in-
troduction of an efficient simple computer method on the
coupling of 3D and LP models to obviate the noted prob-
lems. That is, the LP model was analyzed by means of the
Simulink Software in Matlab©, and the Fluent Software was
solely used for the 3D parallel computing. More details of

1 http://www.ansys.com/Products/Simulation+Technology/Fluid+Dynamics/Fluid+Dynamics+Products/ANSYS+Fluent
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the analysis are provided in Sect. 2.4. The multiscale model
with appropriate LP boundary conditions was applied to a 3D
CAB configuration, and the blood flow through this artery
with two degrees of asymmetrical stenosis (40% and 55%
area reduction) was evaluated. The results are presented in
graphical form and discussed.

2 Materials and methods

2.1 The 3D computational model

The standard geometry of CAB, as depicted in Fig. 1a, was
taken from data of Bharadvaj et al. [53] and derived from
averaging over fifty anatomical different geometries, previ-
ously applied by numerous researchers (e.g., Ref. [26]). The
common carotid artery (CCA) is 8 mm in diameter (D) and
1.75D long. The length of the ICA is assumed to be 5.4
times the diameter of the main branch. This value is equal
to 4.1 for the external carotid artery (ECA). The angles be-
tween the CCA and the ICA and between the CCA and the
ECA are 25◦ and 28◦, respectively. Normal 0%, 40%, and
55% stenosis were considered based on the local diameter as
shown in Fig. 2. The aspect ratio, defined as e/D (where e is
the extent of the stenosis along the x′ axis, see Fig. 1b), was
equal to 1.3 for both stenosed models. Five different flow
cross-sections (I00, I05, I10, I15, I20) in the ICA are considered
in Fig. 1b, as done by Gijsen et al. [26]. These appear as rea-
sonable sites to present the velocity distribution. Measuring
site I00 is located at the flow divider, and other sites were

respectively situated downstream of the flow divider by D/2
distance along the local axis of the branch (all perpendicular
to the x′ axis). Here, the x and y velocity components were
calculated and subsequently mapped at the x′ direction. The
designed geometry was investigated to evaluate integrity un-
der assumption of Gijsen et al. [26]. A comparison between
experimental and numerical data of Gijsen et al. [26] and the
current numerical results is presented in Sect. 3.

Mass and momentum conservation equations were
solved using the finite volume method. It is well known
that blood can be assumed to be an incompressible, viscous
fluid with advantageous Newtonian and laminar behavior
in the large blood vessels [34]. Accordingly, the 3D time-
dependent Navier–Stokes and the continuity equations are

ρ
∂uuu

∂t
+ ρ(uuu · ∇)uuu − μΔuuu + ∇p = 000,

∇ · uuu = 000,
(1)

where uuu and p denote the velocity vector and the absolute
pressure at any point in the fluid domain, respectively. A
representative blood density value ρ = 1 050 kg/m3 and a
typical viscosity μ = 0.003 675 Pa·s were considered. The
Reynolds number is given by

Re =
ρDU
μ
, (2)

where U represents the space-averaged mean CCA flow ve-
locity.

Fig. 1 a Schematic representation of the carotid bifurcation; b Location of measurement sites

The normal 0%, 40%, and 55% stenosis 3D grids are
shown in Fig. 2, with 308 116 nodes and 1 716 445 tetrahe-
dral cells, 374 403 nodes and 1 812 479 cells and 373 802
nodes and 1 810 001 cells, respectively, with very fine grid-
spacing near the walls. Time was discretized using the fully
implicit backward Euler algorithm, applying a fixed time
step equal to 0.002 s. Second-order upwind scheme was uti-
lized for all the equations, and semi-implicit methods were
employed for the pressure-linked equation (SIMPLE), cou-
pling the velocity-pressure equations in the CFD calcula-
tions. The Green–Gauss node-based technique was chosen

as the gradient reconstruction scheme. Momentum and pres-
sure under relaxation factors equal to 0.4 and 0.3 were cho-
sen, respectively. The iteration process at time tn was consid-
ered as converged if the discrete velocity field (uuun

h) in the last
velocity field iteration process (uuun

h−1), satisfied the following
criterion

∥
∥
∥uuun

h − uuun
h−1

∥
∥
∥ � rres, rres = 10−4

with h being the iteration step, rres the residual at iteration,
and ‖ · · · ‖ the 2-norm. The arterial walls were treated as rigid
boundaries and no slip conditions were imposed.
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Cell number and time step sensitivity analysis: Suitable
mesh size was selected using the baseline geometry. The av-
erage mass flow rate in the ICA outlet section and the veloc-
ity profile in I10 section at the peak of systole were evalu-
ated for a range of mesh sizes, varying from approximately
800 000 to 2.5 million cells. With regard to the mass flow
rate, only fractional differences were observed, and the ve-
locity profile did not change patently when the mesh size
was enhanced to more than 1.7 million cells. Moreover, the
simulation was accomplished with four fixed time steps of
1× 10−3, 1.6× 10−3, 2× 10−3, and 4× 10−3 s. Relative errors
in the mass flow rate were less than 0.4%, 0.6%, and 1.6% for
the last three time step sizes, respectively, when compared to
the finest time step case.

Fig. 2 Representation of the three 3D models used in the simula-
tions. a Normal carotid bifurcation; b 40% stenosis carotid bifurca-
tion; c 55% stenosis carotid bifurcation. Details of the meshes are
reported

2.2 The lumped-parameter model

The current study contains a new 48-vessel cardiovascular
system which is constructed by following Rideout’s [54]
methodology. As discussed in Sect. 1, the current model is
more compatible with the empirical data in comparison to the
previous LP models (see e.g., Refs. [7, 52]), especially con-
sidering the following efficient features: parameterizing con-

veniently the element values to incorporate a fluid’s special
behavior response (e.g., Newtonian fluid, viscoelastic sub-
stance, etc.), linear tapering of the radius along the vein and,
finally, initializing the simulation from steady state condi-
tions.

The electrical characteristics of the lumped method are
strongly consistent with their physiological counterparts, fol-
lowing these conventions

0.01 mL/Pa (compliance)= 1 μF (capacitance),

1 Pa·s2/mL (inertia)= 1 μH (inductor),

1 Pa·s/mL (resistance)= 1 kΩ (resistance),

1 mmHg (pressure)= 1 V (voltage),

133 416 mL (volume)= 1 A (charge).

Every artery has been linearly divided into an integer num-
ber (n) of compartments on the basis of the ratio of differ-
ence between its top radius (rtop) and bottom radius (rbot) to
its length (l). The collective compartment of each vessel in-
cluded a pure resistance (R), a conductor (C) and an inductor
(L), using π model [54] (see Fig. 4a). The purely viscous
resistance (R) is determined as

R =
8μl
πr2
, (3)

where r represents the local artery radius. The conductor C
modeling the vessel restitution behavior is calculated as

C =
3πr3l
2hE

, (4)

where h and E are the wall thickness and elasticity module
of the arteries, respectively. The inductor (L) due to blood
inertia is given by

L =
9ρl

4πr2
. (5)

The ODE for each compartment is expressed as

L
dI
dt
+ RI +

1
C

∫

Idt = V. (6)

Here I is the current and V denotes the voltage. For a more
detailed description of the implemented lumped methods,
one is referred to Refs. [51, 54].

From a computational point of view, the circuit element
values could be determined by two strategies: first, using the
results obtained by Rideout [54] who used a discrete model
to describe the blood flow in cylindrical tubes and, second,
applying Eqs. (3)–(5). Table 1 lists the quantities used for
atriums, ventricles and pulmonary arteries from the first ap-
proach. In addition, arterioles, capillaries and veins have
been simulated as one/two separated compartment(s) to sim-
plify the model analysis. The values of the rest of the cir-
culatory system (e.g., carotids, thoracic aorta, hand and foot
arteries) were computed based on the second method; geo-
metric and rheology data of arterial segments are shown in
Table 2.
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Table 1 Quantities used for atriums, ventricles and pulmonary
arteries

Vessel name R/kΩ C/μF L/μH

Right atrium 0.5 216 0.1

Right ventricle 0.5 145 0.1

Pulmonary artery 1 1 0.1

Pulmonary artery 1 4 3 —

Pulmonary artery 2 8 27 —

Pulmonary vein 1 3 10 —

Pulmonary vein 2 1 10 0.1

Left atrium 0.5 101 0.1

Left ventricle 0.5 25 0.1

The system was solved with the backward Eu-
ler method, with a consistency tolerance of 0.000 1. The
Simulink software in Matlab© was utilized to execute the
novel branching configuration subdivided into six pages ex-
hibited in Fig. 3.

2.3 The coupling algorithm

The coupling scheme between the formulations of two pre-
viously mentioned sub-models furnishes a multiscale model
of the overall circulation, with appropriately derived realistic
boundary conditions at individual domains. Figure 4b gives
an illustration of the staggered explicit coupling algorithm.
As shown in Fig. 4b, at each time step tn, the uniform nor-
mal total stress at the coupling surfaces of the 3D model is
imposed from the solution of the LP model; then, 3D model
flow rates at the coupling point boundaries are fed to the LP
model at time tn+1.

From the formulation point of view, the whole ves-
sel branching structure can be represented by the electrical
components, except on a typical vascular district Ω where
the 3D domain is constantly located in time. Fi and pi

(i = 1, 2, · · · , n, indices i and n represent the i-th interface
and the total number of interfaces in the 3D model, respec-
tively) denote, respectively, the flow rate and the known
value of the instantaneous mean normal pressure through
each artificial artery cross-sectional area Γi of Ω, as illus-
trated in Fig. 4b. In this way, Fi can be calculated by

Fi(t) =
∫

Γi

uuuξ · nnndγ, (7)

where uuuξ is identified as the velocity vector for ∀ξ ∈ Ω, and
nnn indicates the outward unit normal vector on every Γi.

It is worthwhile to note that utilizing a realizable
boundary condition is a cumbersome task at the variables
that are non-uniformly distributed over the interface struc-
ture. Notwithstanding this fact, the prescribed Neumann
boundary condition was equipped and justified as the correct
choice (as shown in Ref. [51]), expressed as

pξnnn − μ∇uuuξ · nnn = pinnn, (8)

where pξ is the hydrostatic pressure at Γi. Assuming that
the viscosity term is in principle negligible compared to the
pressure pξ, Eq. (8) can be rewritten as

pξ = pi. (9)

Notice that the interface conditions described above al-
low for the possibility of reverse-flow phenomenon at the
interface. Further details of this method and its capabilities
are also available in Ref. [51].

According to the CFL condition, the time increment of
a model should typically be small compared to the time in-
crement of its corresponding higher-dimensional model [37].
However, attempting to optimize the computational cost by
choosing the same time steps for both sub-domains is unfea-
sible, due to the fact that the LP model is solved using an
explicit solver and thus requires a much smaller time step.
On the other hand, the 3D portion can be extremely costly,
specifically due to its complicated three-dimensionality. On
this basis, implementing two different time steps for each
sub-model requires dealing with the flow time effectively. In
this sense, the coupled model is advanced with the smaller
time step until the larger one is reached. As a result, a time
step of 0.000 001 s was used for the LP model, whereas a
time step of 0.002 s was selected for the 3D model. Addi-
tionally, cardiac period was 0.8 s.

A computer program was written in Visual Basic to
automate the explicit coupling algorithm shown in Fig. 4.
Three complete cycles were carried out to achieve a guar-
anteed stable solution. Every simulation took 98 CPU hours,
on average, and calculations were performed on an Intel(R)
Core(IM) i7 processor, with a 3.1 GHz clock rate and 12 Gi-
gabytes of RAM, supporting a multi-core parallel simula-
tion.

2.4 Computational implementation method

A schematic of the proposed computational implementation
method is given in Fig. 5. This method provides two advan-
tages; first, implementing all utilities of Simulink Software is
feasible, including current and voltage diagrams trace in each
component of LP model to create a feed-back of the accu-
racy of coupling process, and automatic solution of π model
circuits. In this way, derivation of non-linear algebraic-
differential equation system and writing a UDF code in C
programming language are avoided. Moreover, the probabil-
ity of introducing errors has sharply decreased and extension
of LP model and modification of each desired component are
conveniently carried out. In addition, when there is no need
to write the program in C language, consequently, the neces-
sity of adding a UDF to Fluent code (or to other most widely
used 3D models simulation software) disappears. Hence,
parallel computing can be applied in this method to con-
siderably lessen the simulation process time. Reporting the
coupling process time by articles utilizing prevailing meth-
ods is not common. Nonetheless, its value can be approx-
imately estimated, considering two hypotheses; first, in the
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worse possible case, the real time to solve the LP model at
each time step in Simulink Software is equal to the one in
the UDF code. Second, simulation of the 3D model is per-
formed only on a single process machine rather than on a
parallel one (Notice that this condition is equivalent to ap-

plying UDF code in Fluent and the possibility of parallel
computation does not exist.). Taking these two hypotheses
into account, each simulation takes 720 hours on average
(nearly one month), incomparable with 98 hours. Definitely
the more the number processes, the less the simulation time.

Table 2 Geometric and rheological properties of the considered arterial segments

No. Name n l/cm rtop/cm rbot/cm E/MPa h/cm

1 Ascending aorta 10 1.00 1.525 1.502 0.4 0.163

2 Coronaries 15 10.00 0.350 0.300 0.4 0.010

3 Ascending aorta 20 3.00 1.502 1.420 0.4 0.163

4 Aortic arch 6 3.00 1.420 1.342 0.4 0.143

5 Brachiocephalic 7 3.50 0.950 0.700 0.4 0.085

7 Right common carotid 5 16.75 0.525 0.400 0.4 0.064

12 Aortic arch 8 4.00 1.342 1.246 0.4 0.124

13 Left common carotid 5 19.25 0.525 0.400 0.4 0.124

14 Thoracic aorta 2 5.50 1.246 1.124 0.4 0.057

15 Thoracic aorta 4 10.50 1.124 0.924 0.4 0.066

16 Intercostals 2 7.25 0.630 0.500 0.4 0.043

17, 6 Subclavian 2 3.50 0.425 0.407 0.4 0.066

18, 8 Vertebral 1 13.50 0.200 0.200 0.4 0.047

19, 9 Left and right brachial 5 39.75 0.407 0.250 0.4 0.043

20, 11 Right and left ulnar 2 22.25 0.175 0.175 0.8 0.064

21, 10 Left and right radial 2 22.00 0.175 0.175 0.8 0.043

22 Celiac axis 2 2.00 0.350 0.300 0.4 0.029

23 Hepatic 2 2.00 0.300 0.250 0.4 0.029

24 Hepatic 2 6.50 0.275 0.250 0.4 0.080

25 Gastric 3 5.75 0.175 0.150 0.4 0.066

26 Splenic 1 5.50 0.200 0.200 0.4 0.080

27 Abdominal aorta 3 5.25 0.924 0.838 0.4 0.080

28 Superior mesenteric 2 5.00 0.400 0.350 0.4 0.043

29 Abdominal aorta 2 1.50 0.838 0.814 0.4 0.080

31 Abdominal aorta 2 1.50 0.814 0.792 0.4 0.080

30, 32 Renal 2 3.00 0.275 0.275 0.4 0.043

33 Abdominal aorta 4 12.50 0.792 0.627 0.4 0.080

34 Inferior mesenteric 2 3.75 0.200 0.175 0.4 0.043

35 Abdominal aorta 3 8.00 0.627 0.550 0.4 0.080

36 External iliac 2 5.75 0.400 0.370 0.4 0.076

37 Femoral 4 14.50 0.370 0.314 0.8 0.048

38 Internal iliac 1 4.50 0.200 0.200 0.4 0.076

39 Deep femoral 1 11.25 0.200 0.200 1.6 0.047

40 Femoral 8 44.25 0.314 0.200 0.8 0.048

41, 42 External and internal carotid 4 15.75 0.275 0.200 0.8 0.052

43, 44 Posterior and anterior tibial 1 32.00 0.125 0.125 1.6 0.038

46, 47 Right and left ulnar 1 17.00 0.200 0.200 0.8 0.047

45, 48 Interosseus 1 7.00 0.100 0.100 0.8 0.023
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Fig. 3 a Arterial tree scheme and b schematic representation of the novel branching configuration subdivided into six pages. The hu-
man heart model A, is indicated. Pi (1, 2, · · · , 8) represents potential sites; P3 indicates the equivalent potential of capillaries and vein
compartments. Any two points with the same potential may be connected by a dashed line

Fig. 4 a Explicit coupling of the 3D and LP models; b Scheme of coupling between a local district and the whole system, consisting of a
resistance R; A conductor C and an inductor L
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Fig. 5 Block diagram of the proposed computer implementation method

The second advantage is that the proposed method can
handle the coupling of more than one 3D model with an ex-
tended LP model. This is because of separation of the 3D
solver software from that of the LP model. However, the
current study focuses on only one 3D model. Visual Basic
(VB) code establishes a connection between Simulink Soft-
ware and Fluent. As can be seen in Fig. 5, the VB code re-
ceives the problem inputs (including blood flow properties,
systemic properties, LP and 3D model(s) setup, etc.), based
on which, at each time step, first runs Simulink Software and
then obtains the voltages at artificial boundaries as outputs
and inserts specific coefficients to transform them into pres-
sure variables. Having performed this, the VB code creates a
“Fluent journal file(s)”. This code automatically runs “Flu-
ent case file(s)” by a batch file commands. At this stage,
“Fluent case files” are simultaneously run in proportion to
the number of 3D models. Fluent code follows the journal
file commands. At the end of the time step, it receives the
flow rates reported by Fluent, inserts particular coefficients
to transform them to electrical currents and assigns them in
Simulink software as the next step inputs. This trend contin-
ues as shown in Fig. 5 diagram. Since the VB code is written
in an object oriented form, it has the potential to connect
other software too. For instance, a 1D model simulated by
Matlab© can be coupled with a 3D model simulated by Flu-

ent (or any other common 3D models simulation software).

As the first step of a geometrical multiscale applica-
tion, the 3D simulation starts at a steady state, with bound-
ary conditions imposed from the steady state solution of the
non-coupled LP model. Next, the LP and the 3D models are
linked together, and the process is smoothly continued in an
unsteady state, as shown in the framework of Fig. 5.

3 Results and discussion

3.1 Model verifications

To verify the accuracy of the constructed 3D model, a steady
state simulation was performed under assumptions of Gijsen
et al. [26]. Figure 6 shows the obtained axial velocity pro-
files at five different cross-sections in the ICA region for a
Reynolds number of 270, revealing good agreement with the
experimental and numerical data of Gijsen et al. [26].

The LP model was examined by plotting the blood
pressure for the Abdominal aorta, the Internal iliac and the
femoral arteries in Figs. 7a–7c, respectively. As can be seen
in Fig. 7, at the end of the mid-diastolic phase of a cardiac cy-
cle, the new 48-vessel LP model has more conformity with
the 29-vein one-dimensional model of Azer [4] compared to
the 36-vessel electrical analog model [7].
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Fig. 6 Axial velocity distribution of the internal carotid artery at various locations of the non-stenosed model. A comparison between
Gijsen et al.’s (1999) [26] experimental and numerical data and the current numerical results. U and y∗ indicate the mean axial velocity in
the common carotid artery and the transverse location, respectively. In addition, the divider wall and non-divider sides are represented by
DW and NDW, respectively

In order to show the compatibility of a referenced non-
coupled lumped model solution with the multidimensional
coupled model, the volumetric flow rate and pressure magni-
tude at the inlet of 3D region are reported in Fig. 8a; Figures
8b and 8c show the same quantity for both outlets. The anal-
ysis of these curves demonstrates that the couple solution
is in good agreement with a pure LP model, as expected,
and leads to fluctuations lower than 4% for all cases, result-
ing in only negligible spurious wave reflection. These waves
may occur due to reflection from the venous peripheral wall.

Here, this effect is diminished by the presence of conductors
in the LP model.

3.2 Hemodynamic considerations

In this section, first, the role of the presence of a stenosis
in prediction of hemodynamic changes is illustrated by com-
paring the data for mean flow rates and pressure drops. Next,
a more detailed inspection of the flow field is carried out in
the sinusoidal region of the investigated 3D models.
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Fig. 7 A comparison between blood pressure of the novel 48 vessel LP model with the 36 vessel electrical analog model [7] and the 29
vein one-dimensional model [4] for a abdominal aorta; b Internal iliac artery and c femoral artery

Fig. 8 Comparison between pure LP and coupled 3D-LP flow rates and pressure curves at the interfaces. a CCA; b ICA; c ECA

3.2.1 Realistic boundary conditions

Table 3 summarizes the values of the average flow rates and
pressure drops at the interfaces of normal 0%, 40%, and 55%

stenosis models. The average CCA volume flow rate slightly
decreases with the growth of stenosis (−0.35% and −0.45%,
respectively, for 40% and 55% stenosis), which is compa-
rable with the decrease in the mean ICA volume flow rate
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(−0.54% and −0.9%, respectively, for 40% and 55% steno-
sis). Even though the increase in the ECA volume flow rate
(+0.03%, for 55% stenosis) compensates the CCA volume
flow reduction in the 55% stenosis model, a 0.14% reduction
in the ECA volume flow rate is observed in the 40% steno-
sis case. The reason for the rather small changes in average
volume flow rates of the analyzed 3D models may be clear
by examining the associated pressure gradients. As it can
be seen from Table 3, the presence of a stenosis in the ICA

brings about only a slightly larger pressure drop compared to
the healthy branch (6.65 vs. 5.32 Pa). This could be in part
due to the short length of the ICA and ECA 3D models. Ac-
cording to the study of Balossino et al. [38], choosing greater
ICA and ECA length in the 3D models leads to conspicuous
pressure gradients in the stenosed branch compared to those
in the non-stenosed branch; nevertheless again, the reduction
of the flow rate is minute.

Table 3 Comparison of average flow rates and pressures at the interface sections between the study models

Stenosis QCCA/(mL · s−1) QICA/(mL · s−1) QECA/(mL · s−1) ΔPICA/Pa ΔPECA/Pa

0% 5.736 2.981 2.755 5.32 9.31

40% 5.716 2.965 2.751 6.65 10.64

55% 5.710 2.954 2.756 6.65 10.64

Note: Q is flow rate, ΔP is pressure drop

The flow rate temporal tracings during a cardiac cycle
at the artificial inlet/outlet sections of the studied models are
shown in Fig. 9. As it can be seen in this figure, the differ-
ences between the outcomes of the non-stenosed model and
those of the 40% or 55% stenosis models are small. Under
these circumstances, and in contrast to the expectations, the
sensible boundary conditions at the artificial sections do not

strongly respond to the stenosis resistance, as the situation
changes from healthy case to 40% or 55% stenosis cases.
In this regard, the effect of downstream resistance in the 3D
geometries does not play a dominant role on the outlying dis-
tricts. The same observation was also reported by Balossino
et al. [38].

Fig. 9 Coupled 3D/LP flow rate at the inlet/outlet interfaces (CCA, ICA and ECA) for all models under investigation. a Normal carotid
bifurcation; b 40% stenosis carotid bifurcation; c 55% stenosis carotid bifurcation
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3.2.2 Axial and secondary flow in the carotid sinus

In Fig. 10, the axial velocity profiles in the ICA are given
as a function of time during the pulse cycle, including the
systolic peak flow (ps, t/Tp = 0.2 and Re = 1 400), decel-
eration phase (dec, t/Tp = 0.35 and Re = 570) and end
systolic flow (es, t/Tp = 0.55 and Re = 55). These com-
putational results for three models in non-stenosed case and
with 40% and 55% stenosis are presented in Figs. 10a–10c,
respectively. In general, the blood flow pattern gives an indi-
cation of the influence of stenosis development on the gene-
sis of atherosclerotic lesions. A region with flow reversal can
be observed in the most proximal part of the carotid sinus in
the non-stenosed model, growing intensively beyond the in-
side and outside parts of the sinusoidal region in the stenosed
cases. This reversed flow is absent during peak systole and
is slowly developed during the diastolic cycle, which lasts
for a longer period of time for the 55% stenosis compared to
the 40% stenosis case, as can be seen from the axial velocity
lines in Fig. 10. In the systolic peak flow, symmetrical, for-
wardly directed and flattened axial velocity profiles can be

observed in the non-stenosed model. However, these trends
are clearly different near sites I10 and I15 of the stenosis mod-
els. In this case, the largest positive axial velocities occur
in the 55% stenosis model and reach their maximum values
near site I10, mainly due to the decrease of the cross-sectional
area. High axial velocity gradients near the divider wall and
minute negative axial velocities near the non-divider wall are
observed in the deceleration phase at sites I00, I10, and I20 for
the 40% stenosis model; the same trend is repeated for 55%
stenosis. This event was only found at site I00 in the healthy
model case, most likely due to the curvature effect and flow
separation. At the end of the systolic phase, negative axial
velocities maintain about the same magnitude as the positive
axial velocities. These negative velocities are also observed
along the divider wall side at site I20, whereas they were ab-
sent in the peak systolic or deceleration phase of the pulse
cycle for all 3D models. At this time level, severe velocity
gradients are observed near site I15 for stenosed models, a
result that is not present in the healthy model. Instead, these
gradients are found at site I00 and I05 in the non-stenosed
model.

Fig. 10 Axial velocity profiles in the internal carotid artery, present at three times: ps (peak systolic), dec (deceleration) and es (end
systolic). a Normal carotid bifurcation; b 40% stenosis carotid bifurcation; c 55% stenosis carotid bifurcation. Maximal axial velocity at
peak systole in the common carotid artery (U∗) is indicated

In Figs. 11a–11c, the magnitude of wall shear stress
(WSS) distribution was examined along the non-divider wall
in the ICA as a model function in non-stenosed case and with
40% and 55% stenosis during the pulse cycle, including the
systolic peak flow, deceleration phase and systolic end flow.
The maximum absolute value of WSS occurs in the systolic
peak flow for all cases, and this parameter sharply decreases
during the deceleration phase and systolic end flow. The
presence and growth of severe stenosis lead to a high wall
shear area inside the stenosis, associated with deposits and
atherosclerotic plaque formation, endothelial lining damage
and hemodynamic factors alteration in lesion vicinity [29].

Figures 12a–12c depicts the X component of the veloc-
ity contour maps at the end of the systolic cycle and iden-
tifies the location of the flow recirculation zone, where the

flow reversal occurs. Regarding the non-stenosed model, it
can be inferred from this figure that the zones of reversed
flow are only observed in the carotid sinus and near the non-
divider wall. Contrarily, the existence of a stenosis leads to
the extension of the recirculation zones towards downstream
of the stenosis, which significantly influences the develop-
ment of early atherosclerotic plaques. Furthermore, as it can
be observed in this figure, a typical Womersley flow exists
at the entrance of the CCA, where the secondary flow ap-
pears at the outer ring, whereas at the center the velocity per-
sists in downstream direction. The results described above
are consistent with the general flow pattern found in previ-
ous works [28, 29, 35]. Comparison of flow hemodynamic
properties between diseased branches and healthy ones may
provide useful information for diagnosing arterial diseases.
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Fig. 11 Wall shear stress distribution along the non-divider wall side on an ICA in three forms: normal carotid bifurcation, 40% stenosis
carotid bifurcation and 55% stenosis carotid bifurcation. a ps (peak systolic); b dec (deceleration); c es (end systolic)

Fig. 12 X-velocity component contour at the end of systolic cycle. a Normal carotid bifurcation; b 40% stenosis carotid bifurcation; c
55% stenosis carotid bifurcation

3.3 Future studies

For future studies, two different local 3D domains coupled
with the one dimensional model of Reymond et al. [10] for
the rest of the arterial trees will be analyzed in order to inves-
tigate the influence of an Aortic arch aneurysm on the flow
in a patient’s CAB, mainly due to the presence of an exten-
sive systemic circulation. Likewise, the implementation of
a 3D FSI model instead of a rigid 3D model is being con-
sidered to allow detection of local blood flow features. This
type of multiscale application will more accurately describe
physiological flow patterns and can eventually be used for
the prediction of clinical data.

4 Conclusions

The main goal of the present study was the development
of a coupling algorithm between local and systemic mod-

els, to describe the flow morphology of a specific 3D region
of interest more efficiently. A novel CAD scheme was de-
veloped and specifically designed to simultaneously couple
more than one 3D model with an extensive LP model. As a
result, an analysis of examples with two or more 3D elements
is being carried out for a future work. Here, the 3D model
of a CAB was embedded in a novel lumped network system
improving the earlier models cited in the literature [3, 7, 52].
The validity of the presented multiscale scheme was veri-
fied and the computed flow rates and pressure drops were
compared with the results of an uncoupled LP model, and
the importance of the coupling boundary zones was pointed
out. Using properly modeled boundary conditions, the flux
distributions and time varying velocity profiles at asymmet-
ric stenosis and ideal carotid models were examined. It was
shown that the present models simulation results are in gen-
eral agreement with numerical models reported previously
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in the literature [27–29, 35]. Moreover, realistic boundary
conditions were identified as independent predictors in the
presence of a stenosis in the ICA. In this regard, the com-
putational methodology presented here can help in diagnos-
ing arterial diseases. Furthermore, the described multiscale
approach could provide a valuable tool for determining the
most important surgical operation parameters, such as the
percentage of stenosis and plaque rupture. It may be an
effective aid for hematological experts to check the spread
of atherosclerotic disease. Finally, the present coupled ap-
proach points to the importance of using realistic boundary
conditions compared to the classical strategies for studying
3D domains of the blood circulation circuit.

Acknowledgements The authors would like to acknowledge the
contributions of K. Allah Verdi to artworks used in the current ar-
ticle. Thanks are given to the Iranian National Science Foundation
(INSF) for the financial support to this project (87040150).

References

1 Alastruey, J., Parker, K.H., Peiró, J., et al.: Analysing the pat-
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