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Abstract. In this work, the human lung alveoli are idealized by a three dimensional

1. Introduction

annular rings around a central channel was presented
by Darquenne and Paiva [3]. Harrington et al. [4]
performed simulations on a bifurcation model of acinar
branching. Haber et al. [5] used a spherical cap and
performed an analytical simulation. Various models
in the literature have considered rigid wall in their
simulations. In the last decade, various e orts have
started incorporating alveolar wall motion into their
analysis. Haber et al. [6] and Sznitman et al. [7] used
a self-similar wall motion with a prescribed sinusoidal
function.
Oakes et al. [8] performed an experimental study
to nd the alveolar mechanics. Similarly, Harding and
Robinson [9] used numerical simulation to nd uid
patterns in the alveoli. It has been shown that major
di erences arise in both the ow structure and the
particle deposition characteristics when the motion of
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honeycomb like geometry and a uid-structure analysis is performed to study the normal
breathing mechanics. In contrast to previous works in which the inlet ow rate is prede ned,
in this model, we have applied a negative pressure on the outside surface of the alveolus
which causes air to ow in and out of the alveolus. The integration of the experimental curve
of breathing ow rate was used to approximate the shape of the external applied pressure.
Our Fluid-Structure Interaction (FSI) model has an advantage over other literature since it
addresses both the uid dynamics and solid mechanics, simultaneously. The ow patterns
con rmed that there is no circulation in the terminal alveolus. We have applied three
distinct material models { linear isotropic elastic, hyperelastic, and viscoelastic { in order
to simulate the mechanical behavior of alveolar wall tissue using ADINA software. The
hysteresis behavior of the alveolar tissue was well predicted by a compliance diagram
of the viscoelastic model while this behavior is not observed in the linear elastic and
hyperelastic model. The stress and strain distribution is also obtained and is found to
be non-uniform.
© 2016 Sharif University of Technology. All rights reserved.

In contrast to the improvement achieved in lung upper
airway imaging, success in the 3D imaging of the
alveolar region has been restricted because of its small
size and low accessibility. For this reason, most
researchers have attempted to present a reliable model
which could be used instead of image-based models.
Tsuda et al. [1] used a simpli ed expanding and
contracting torus surrounding a central channel. Later,
Henry et al. [2] developed an axisymmetric model of an
alveolated duct which had nine cells around a central
channel. A simpli ed model consisted of a number of
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the alveolar wall and alveolar duct are not properly
included in the model [10]. Hence, the models of
the acinus have to be supplemented with appropriate
boundary conditions to mimic breathing.
Berg et al. [11] used particle image velocimetry
in a compliant replica model of a terminal air sac and
observed the noncirculating air ow pattern in the last
two generations of the alveolar region. Recently, Li and
Kleinstreuer [12] used a space lling polygon shaped
alveolar model and investigated the air ow for di erent
wall motions.
In order to consider the natural relation between
tissue motion and air ow in the alveoli, the Fluid Solid
Interaction (FSI) is applicable. In order to perform an
FSI approach it is necessary to use a suitable model for
the mechanical properties of alveolar wall tissue. Gefen
et al. [13] analyzed the stress distribution in a 2D model
of alveolar tissue using nite element analysis. Dailey
and Ghadiali [14] have developed an FSI analysis in
a 2D model of alveolar sacs. They have assumed both
elastic and Kelvin-Voigt viscoelastic models for alveolar
tissue. Naturally, a 2D approach cannot adequately
account for the e ects of a 3D structural environment,
including out-of-plane traction forces from neighboring
septa.
In the past few years, there have been a number of successful 3D imaging and reconstructed geometries using micro-Computed Tomography (CT)
and radiation-based X-ray Tomographic Microscopy
(XTM); these have been used for studies on lung
development [15], acinar morphometry [16,17], and
acinar mechanics [18,19].
However, these images need some imageprocessing techniques to reconstruct the real 3D geometry, and these are usually complex and time-consuming.
So, using an idealized geometry allows us to avoid
interpreting complex real geometries and to easily
simulate di erent conditions.
In this paper an FSI model is used to study
normal breathing air ow in a 3D honeycomb like
geometry of alveoli. For the mechanical properties
of alveolar tissue we have used more realistic models
according to experimental data previously reported.
Di erent material models of elastic, nonlinear elastic,
and viscoelastic are compared with each other. Viscoelasticity is considered by quasi-linear theory and the
application of a reduced relaxation function.
The innovative aspects of this research include the
development of a computational model that considers
the transient ow elds generated by airway wall
deformation and fully coupled uid-structure interactions at the interface on a 3D model of alveolus
(with a physiologically-based geometry), more physiological boundary conditions in contrast to sinusoidal
pressure load applied by Dailey and Ghadiali [14]
and adding the alveolar surface liquid lining and
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surfactant by including their e ect in the material
model.
This model provides a possible tool to predict the
e ect of mechanical properties of the alveolar wall on
the distribution of stress and strain.
The remainder of the article is organized in the
following sections. Section 2 provides the numerical
methodology including the geometry, governing equations, material properties, and boundary conditions.
Section 3 presents the results of our simulations and
Section 4 summarizes the results in a conclusion.

2. Methodology
2.1. Geometry

The Scanning Electron Micrographic (SEM) images
con rm that alveolus displays a hexagonal-like morphology with thin walls [20]. Based on this observation, our alveolus is a 3D hexagonal honeycomb like
geometry which is more accurate than 2D models. Our
geometry is similar to Kumar ones [21] which consists of
18 regular hexahedra connected together with a single
entrance to represent terminal alveoli. A schematic of
this 3D geometry is shown in Figure 1. Since there
are no sharp corners in the alveolar morphology, the
alveolar corners are rounded to avoid computational
artifact. If we cut this geometry by two certain
symmetry planes, one-sixth of this geometry is selfsimilar. So, we have used this kind of symmetry
to reduce the computational time in our simulation
(Figure 2). The length of each side of the hexagon is
80 m and the total length of the alveolar sac is 1000
m.
To represent normal alveolar wall tissue, we have
considered an 8 m thickness wall according to [13].
It is noteworthy that in some interstitial diseases the
alveolar wall thickness may be signi cantly larger than
8 m.

Figure 1. 3D alveolar sac geometry with a single
entrance.
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FSI solution. In order to stabilize our simulation, we
have set the inlet pressure to zero as the reference
pressure. The FSI boundary condition is applied on the
peripheral faces, except on the two lateral faces of the
inlet channel, which are considered as xed walls. The
end face of our alveolar model is a closed end and is also
an FSI boundary. Moreover, the symmetry condition
is applied on the two symmetry planes of the model.

2.2.2. Structural domain
In contrast to the ALE formulation for the uid equations, a Lagrangian coordinate system is implemented
on the solid tissue domain in ADINA, and its deformation is governed by the momentum conservation
equation given by Eq. (3):

Figure 2. The one-sixth symmetry geometry.

2.2. Governing equations and boundary
conditions

2.2.1. Fluid domain
Fluid ow is governed by the incompressible continuity
and Navier-Stokes equations:
f

@vi
= 0;
@xi

@v
@p
@ 2 vi
@v
+
;
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@t
@xj
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@xj @xj

(1)
(2)

where f = 1:185 kg/m3 is the uid density,  =
1:785e-5 Pa.s is the uid viscosity, vi is the velocity
vector, xi is the position vector, t is time, and p is the
uid pressure.
Since an Eulerian system does not track the
path of any uid element, it cannot solve uid freesurface problems directly. Therefore, the governing
equations of uid ow using an Arbitrary Lagrangian
Eulerian (ALE) formulation are used by ADINA. In
this method, the moving domain is recast at each
time to a xed con guration through ALE mapping,
and the time derivative is computed on a reference
con guration. The ALE equations are derived by
substituting the relationship between the material
time derivative and the reference con guration time
derivative. In the discrete uid ow problem, the
change of the domain must be followed by a change
in the discretization. The discretization of the new
domain can be obtained through a re-meshing process
or through a nodal relocation process. There exist
several techniques to produce the nodal relocation. The
simplest one is the Laplacian method which consists
in solving the Laplace equation to update the node
positions. ADINA also uses Laplace method but with
a better algorithm to solve arbitrary moving meshes.
The boundary of the uid domain is divided into
the following regions for the assignment of boundary
conditions: inlet, xed walls, and FSI walls. There is
no need to set the ow boundary condition at the inlet
and it is allowed to be speci ed automatically during

s

@ 2 dsi @ijs
=
;
@t2
@xj

(3)

where s = 1050 kg/m3 is the solid density, and ijs
and dsi , respectively, stand for the solid Cauchy stress
tensor and solid displacement.

Material models

The wall material adopted in this work represents a
tissue of average characteristics consistent with actual
mechanical behavior of the alveolar wall tissue. As
a rst approximation, linear elastic material is used
similar to previous works [14]. A Young's modulus
of 8 kPa and a Poisson's ratio of v = 0:42 are used
for the linear elastic model. The hyperelastic model
includes a nonlinear relation between stress () and
stretch of tissue () according to experimental stressstrain data [13] expressed by Eq. (4):
 = 8

6:4 kPa:

(4)

We used a general Mooney-Rivlin hyperelastic material
model. The strain energy function for the 9-parameter
Mooney-Rivlin model of a hyperelastic material is
expressed by nine constants. These constants are
obtained by tting the curve of Eq. (4).
The viscoelastic properties of the alveolar connective tissue were modeled using the quasi-linear
viscoelastic (QLV) model of Fung [22]. In this theory,
a relaxation function represents the force response to a
step deformation.
The force response of a quasi-linear viscoelastic
material at time t is:
F (t) =

Z t

1

G(t  )

@F e ( ( )) @ ( )
dt;
@
@t

(5)

where @F e =@ is the instantaneous response and @=@
is the strain history of the material. This relation shows
how the force response of a viscoelastic material to a
constant deformation could vary with the time.
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The reduced relaxation function, for alveolar wall
tissue is given by [23]:
G(t) = 0:4 + 0:6(t + 1) 0:5 :

(6)

The stress response of viscoelastic material is given by
Eq. (7).
(t) =0 ["(t)] +

Z t

0

0 ["(t  )]

@G( )
d = 0 ["(t)] + H ["(t); t];
(7)
@
where (t) is the dynamic stress response, 0 ["(t)] is the
instantaneous stress response to a strain "(t), t is the
time, and H ["(t); t] is a history integral. 0 is de ned
by the nine-parameters Mooney-Rivlin material model
and the e ect of viscoelasticity is incorporated into it
through Prony-Dirichlet series coecients which have
been obtained by curve tting of the stress relaxation
data.
We have chosen a Prony series expansion of the
reduced relaxation function of the tissue which has the
form:
G(t) =

n
X
i=1

gi exp



t



i

;

(8)

where gi is the ith Prony series parameter, and i is
the corresponding Prony retardation time constants.
We can nd gi and i by a nonlinear least squares optimization technique, such as the Levenberg-Marquardt
algorithm [24]. A fourth-order Prony series, which is
curve- tted to the above reduced relaxation function,
is found to have an excellent goodness of t (residue
tness < 2E-6). Table 1 lists the estimated Prony series
parameters.

Surface tension e ect

The inner surface of the alveoli is covered by a liquid
lining which contains surfactant molecules. The role
of these surface active agents is to lower the surface
tension and facilitate the in ation and de ation of the
alveoli. Many experiments have shown that the surface
tension of the liquid lining including the surfactant has
a dynamic behavior against the relative surface area.
On the other hand, the expansion and compression
behaviors are not similar and there is some hysteresis.
Considering experimental work performed by Lu et
al. (1998), one can see that at a surface ratio lower than
32%, the expansion and compression curves coincide.

Figure 3. Including of surface tension of liquid layer in
mechanical properties.

The result of Denny and Schroter's model [23] also
con rmed that it is a good approximation to use similar
curves for both inhalation and exhalation in surface
ratios below 30%.
So, in the normal breathing condition with low
volume expansion, a similar relation can be used both
in inhalation and exhalation. The relation between
surface tension ( ) and relative surface area ( SS0 )
is achieved by linear curve tting of their results as
follows:
= 80:5(

S
S0

1) + 2[

mN
]:
M

(9)

Let us consider an element of the alveolar tissue with
an elastic modulus of Em , thickness of tm , and width of
dx stretched by strain of ". The resulting force is given
by Em " tm dx. Now, imagine the liquid lining with a
surface tension, , attached to the tissue as shown in
Figure 3. Then, the surface tension force of this liquid
layer is dx.
It is favorable to replace these two layers with an
equivalent tissue which has the same sti ness. For this
purpose, the e ective force should be equal to the sum
of the forces acting on the two layers.
F = Em "tm dx + dx = total tm dx:

(10)

So, the elastic stress of the equivalent tissue is:
total = m (") +

tm

:

(11)

If the surface tension is expressed as a function of
", then a new stress-strain relation for the equivalent
tissue can be obtained.
As previously reported, surface tension is related
to relative surface area. So, using the following
generally accepted relationship between stretch  and
relative surface area, (1 + ")2 can be substituted for SS0
and the new stress-strain behavior for the equivalent
alveolar tissue including surface tension is achieved. It
should be noted that m (") is stress-strain behavior of
the tissue material model:

Table 1. Prony series coecients.
g1
1
g2
2
g3
3
g4
4
0.0878 0.5331 0.2058 2.0304 0.0642 3.9905 0.6413 1 00.0002
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surface tensions which balance with the recoil pressure.
We do not model the surface liquid layer separately
and, instead, we include the e ect of the surface tension
of the surface lining liquid with surfactant into our
material properties. Hence, the surface tension acts
as a material sti ening agent which withstands the
alveolar in ation and facilitates alveolar de ation.

Boundary conditions

Figure 4. Stress-strain curve of the equivalent tissue
including surface tension.

 = L=L0 = (S=S0 )1=2 = (V=V0 )1=3 ;

(12)

S
= (1 + ")2 ;
S0

(13)

total (") = m (") +

80:5[(1 + ")2
tm

1]

:

(14)

The constant term of the surface tension (Eq. (9)),
which is the initial surface tension of the liquid layer at
the start of the inhalation, is omitted because, including this term in a stress-strain relation would unbalance
the system at the start of inhalation. Physiologically, at
the start of the inhalation, there is an equal force in the
reverse direction originated by the pleural uid suction
which counterbalances it and results in an equilibrium
initial state.
The stress-strain relation of equivalent tissue
including surface tension is plotted in Figure 4. It
can be seen that including surface tension in the
material model cause the tissue to become sti er. For
curve tting parameters for Mooney-Rivlin model with
surface tension e ect refer to Table 2.
Actually the deformation of the alveolated system
is produced by the action of both the air and the
other tensions coming from physiology. The di erence
between air pressure and pleural pressure (transpulmonary pressure or recoil pressure) balances with the
sum of the alveolar tissue tension and surface tension.
Also in the work of Wilson and Bachofen [25], it
has been declared that the tissue tension and surface tension are working together and balances the
recoil pressure. Recoil pressure is applied as our
boundary condition which causes wall deformation.
Consequently, wall deformation produces the tissue and

To nd the proper boundary condition at the outer
surface of the alveolar tissue, we have focused on the
mechanics of normal respiration. When the lungs are
at rest, the inward elastic recoil of the alveolar walls
balances the outward elastic recoil of the chest wall.
The two opposing forces of chest elastic recoil and lung
elastic recoil cause the intrapleural pressure to be negative relative to atmospheric pressure. Transpulmonary
pressure is de ned as the di erence between alveolar
pressure and pleural pressure P tp = (P alv P pl). According to physiology handbooks [20] it increases from
500 to 700 Pa during inhalation and, then, decreases
during exhalation. The transpulmonary pressure, at
the resting volume, represents the natural tendency
of the alveoli to collapse or the chest wall to move
outward. So, the transpulmonary pressure gradient is
responsible for maintaining alveolar expansion.
We assume that our simulation starts from the
resting volume. So, the transpulmonary pressure
gradient varies from 0 to 200 Pa which is similar to
the assumption of [14]. It is more physiologically
accurate to impose transpulmonary pressure instead
of alveolus inlet ow rate as the boundary condition.
For this reason, we have sought a pressure pro le
which has the best agreement with experimental observations. Assuming the same transient ow rate
behavior throughout each airway branch and acinus of
the lung, the experimental curve of tidal breathing ow
rate [8], obtained from spirometry, could be assumed to
approximate the alveolar ow rate (Figure 5). In order
to remove the experimental uctuations, we have used
two-piece polynomial curves tting to the spirometry
data. Considering that the pressure-volume relation
is linear for small tidal volume excursions, the shape
of the transpulmonary pressure could be approximated
by integrating the experimental curve of tidal breathing
ow rate [8] and scaling it in such a way that its peak
reaches 200 Pa and the breathing period ts 4 s.
Although this pro le does not accurately represent the transpulmonary pressure, it is more precise
than the ideal sinusoidal pro le employed by Dailey
and Ghadiali [14]. As is known, the pleural pressure

Table 2. Mooney-Rivlin parameters for tissue material by including surface tension e ect.
C3
C4 C5
C6
C7
C8
C9
Mooney-Rivlin parameters with C1 C2
surface tension e ect
-1.55 2.90 -30.86 4.54 39.71 22.95 -51.76 22.60 46.99
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where dfi and dsi are the uid and solid nodal displacements, nj is the interface normal vector, ij is the
Kronecker delta function, and ijf and ijs are the uid
and solid stress tensors.
On the two symmetry planes, the symmetry
boundary condition is applied on both uid and solid
domains. So, the solid displacement and uid velocity
normal to these planes are set to zero.

2.3. Fluid-structure interaction
implementation
Figure 5. Experimental unsteady ow rate curve used to
simulate breathing conditions in healthy alveolar sac
model [8].

acts on the visceral pleura (25-83 m) which covers
the lung parenchyma including the whole of the alveoli
connecting to each other. So, in the simulation of
an isolated alveolus, the magnitude of the imposed
pressure should be considerably decreased to consider
the e ect of the tissue surrounding the alveolar sac.
Hence, we have scaled the pressure pro le in order to
achieve a physiological volume expansion. Choosing a
coecient of 0.25, we obtained a volume expansion of
the viscoelastic model which is con rmed by the results
of Harding Jr. and Robinson [9] and Tsuda et al. [1].
The accepted scaled pressure pro le for the boundary
condition is shown in Figure 6.
The uid and solid domains are coupled by satisfying the following boundary conditions at the interface
between the two domains: (i) Displacements of the
uid and solid domain FSI boundaries must be equal;
and (ii) Tractions at FSI boundaries must be balanced.
These conditions are given by Eqs. (15) and (16).
dfi = dsi ;
(15)
nj ijf = nj ijs ;
where:
ijf = pij + 

(16)




@vi @vj
+
;
@xj @xj

Figure 6. Pressure pro le boundary condition.

(17)

The software ADINA 8.8 was utilized for our timedependent simulation of FSI between the alveolar wall
and the lumen. The ADINA program is a generalpurpose nite element/ nite volume software for the
analysis of structures, uids and FSI problems [26].
Structures are modeled using nite element procedures.
An Arbitrary Lagrangian-Eulerian (ALE) formulation
is employed when there is movement of the uid boundaries. The Navier-Stokes equations of incompressible
ows are solved using nite element procedures.
In order to coupling between the uid and structural models, there are two methods of direct and
iterative in ADINA [27]. The di erence between these
methods is that in the direct method the uid and
solid equations are solved simultaneously, while in the
iterative method they are solved successively. The
uid nodal positions on the uid-structure interfaces
are determined by the kinematic conditions. The
displacements of the other uid nodes are determined
automatically by the program to preserve the initial
mesh quality. The governing equations of uid ow
in their ALE formulations are then solved. According
to the dynamic conditions, on the other hand, the
uid traction is integrated into uid force along uidstructure interfaces and exerted onto the structure
node. The solid and uid tractions are compared and in
the case of any di erence, iterations are continued with
the updated traction and displacement information at
the uid-solid interface. The routine applies calculated
forces onto the structural model, evaluates incremental
structural displacements, applies these incremental
structural displacements onto the uid model, and
continues to iterate. Finally, when interface boundary
conditions are satis ed within an acceptable tolerance,
the information is stored and another time step is
started.
The direct solution procedure in ADINA solves
the governing equations for the structure and the uid
as the partitioned procedure, but obtains the solution
by solving these equations simultaneously using one
coecient matrix. This matrix contains the same
structural and uid matrices as in the partitioned
procedure plus a Jacobian matrix corresponding to the
interface conditions, obtained by imposing directly the
conditions by Eqs. (16) and (17).
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Figure 8. Mesh sensitivity analysis by comparing
alveolus volume.

Figure 7. Generated tetrahedral mesh.
Since usually a much ner uid mesh than structural mesh is needed, the conditions of compatibility
require the displacement and stress interpolations of
the structural elements.
We have used the direct method for two-way
coupling between the uid and solid domain which
is more applicable to solving large deformations with
soft materials. These details can be found on ADINA
guide [26] and other FSI references [28,29].
In this work, we make use of tetrahedral elements
for solid and uid to discretize the domains in ADINA.
The model is composed of 533,000 elements for the
solid and 1,273,000 elements for the uid domains
(Figure 7). Mesh sensitivity analyses were conducted
with three di erent mesh sizes ranging from 240,000 to
3,550,000 uid elements and 88,000 to 1,000,000 solid
elements with average mesh size of 0.008, 0.004, and
0.002 mm. Independence in mesh size was obtained for
the resulting alveolus volume and showed less than 1%
relative error for the medium (0.004) and ne (0.002)
meshes (Figure 8). CPU time was about 4-5 days
with an Intel i5-2500 k (43.3 GHz) system with 8
GB RAM.

3. Results and discussions
We have simulated normal breathing for three di erent
types of alveolar wall materials. In each case, we
computed the time variation of the alveolus volume.
Di erentiation of this curve with time gives us the
inlet ow pro le as shown in Figure 9. In the case
of a viscoelastic wall, four successive cycles have been
simulated to reach steady state conditions in which the
relative change of maximum ux falls below 2%.
A Young's elastic modulus of 8 kPa gives a
ux pro le with a maximum of 0.5 s and amplitude
of 4 ml/s. The maximum of the ow pro le with

Figure 9. Resulting air uxes using di erent material
models.

hyperelastic material in the Mooney Rivlin model is
7.8 ml/s at 0.5 s while in the viscoelastic model it is
5 ml/s at 0.6 s. This means that adding the viscoelastic
e ect will shift the maximum ow to the right side
relative to the elastic models, and also decrease the
respiratory ow rate. This phase shift is also observed
in the FSI simulation of the viscoelastic thin wall model
for stenotic arteries performed by Chen [30]. The
magnitude of the phase lag is about 10 degree which is
validated by Miki et al. [31].
In order to acquire the compliance diagram of
our model, the alveolus volume at each time step is
plotted against the pleural pressure. An illustration
of the compliance of the model is given in Figure 10.
Typically, the Pressure-Volume (PV) curve in Acute
Respiratory Distress Syndrome (ARDS) patients from
Functional Residual Capacity (FRC) to Total Lung
Capacity (TLC) has a sigmoidal shape. This is similar
to the shape of the curve from Residual Volume (RV)
to TLC in healthy humans. In this study, in ation
and de ation of a healthy alveolus during normal
breathing, from FRC to FRC+TV (Tidal Volume), is
simulated. So we do not expected to see the lower and
upper in ection points of a patient PV curve during
mechanical ventilation. It should be emphasized that
it cannot be expected that this simple model resembles
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Figure 12. Velocity contours at certain times: (a) t = 0:6
Figure 10. Compliance diagram for di erent material

s; (b) t = 1 s; (c) t = 2:1 s; and (d) t = 3 s.

models.

the overall PV relation of the lung. It is a useful insight
into air ow within terminal parts of the lung.
When plotting a single breath on a PV curve,
based on the properties of elastance, we would have the
same volume for the same pressure (same points on PV
curve) on inspiration as on expiration. However, a normal compliance diagram shows that during de ation,
the lung volume at any given pressure is greater than
during in ation. This behavior is called hysteresis.
As shown in Figure 10, the compliance curves for
the linear elastic and hyperelastic model have linear
and nonlinear relations, respectively, but do not show
any hysteresis behavior. In contrast, the viscoelastic
model is in reasonable qualitative agreement with
published experimental curves [32] and also shows the
hysteresis behavior of the alveolar tissue. It should be
mentioned that all three model parameters come from
curve tting and are not arbitrary. The same stressstrain relationship has been used to nd the material
parameters in all models and the only di erence is
about adding relaxation function in viscoelastic model.
So, our nding about hysteresis behavior can only be
related to viscoelastic model.
So, the viscoelastic model including surface tension e ect was utilized to study the characteristics of
ow pattern in the alveolus and also the distributions
of stresses and deformations within the alveolar wall.
The velocity contours and streamlines at instant
of maximum inhalation (t = 0:6s) are shown in Figure 11 for viscoelastic model. The maximum velocity

Figure 11. Air velocity contours and streamlines at
t = 0:6 s.

Figure 13. E ective stress contours at t = 1:4 s.

Figure 14. Maximum stretch contours at t = 1:4 s.
magnitude at this time is 2.8 mm/s and streamlines
show a laminar radial ow with no circulation because
of the very low velocities at the end alveolus. This
observation is in good agreement with reported radial
air ow in the previous literature [7-9,11]. It shows that
for acinar ow rates similar to those examined in this
study, the ow is reversible and no convective mixing
is present in the terminal alveolus.
The velocity contours at di erent times for viscoelastic model are shown in Figure 12. The maximum
air velocity entering and leaving the alveolus occurs at
t = 0:6 s and t = 2:1 s, respectively.
The distribution of e ective stress and the maximum stretch ratio in alveolar tissue, at the time in
which the applied pressure is at a maximum (t =
1:4s) for viscoelastic model, are depicted in Figures 13
and 14. According to these gures the local values
are much higher than the global values. These uneven
stress and strain distributions could be expected due to
thinner walls near corners which has less tissue to resist
the deformation. Thin regions become overstretched
while the other regions are not involved. The change
of maximum local stretch during one breath for viscoelastic model is also plotted in Figure 15. As it
can be seen, the maximum local strain is 20% and it
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Figure 15. Variation of maximum local stretch during
breathing time.

occurs at the time t = 1:4s. The maximum global
stress and strain in the time of t = 1:4 s are 1 kPa
and 0.05, respectively, while in hotspots the maximum
stress and strains reach to 2 kPa and 0.2. Rausch et
al. [33], utilizing synchrotron-based X-ray tomographic
microscopy, also found a maximum local strain of 0.2.
Experimental studies have shown that high
transpulmonary pressures, resulting from ventilation,
may damage the capillary walls, thereby leading to
edema. So, nding the stress and strain distribution
within the alveolar region would be an important step
in understanding this phenomenon. It is generally
estimated that the alveolar cells are exposed to 15% strain during normal breathing, and larger strains
in mechanical ventilation could cause in ammatory
reactions on alveolar type II or alveolar epithelial cells.
Chandel and Sznajder [34] reported that high cyclic
stretch frequencies up to 60 cycles/min are another
reason for edema. Our strain results are in accordance
with these physiological ndings. The larger strains
existing in the model corners could not cause edema
considering the normal breathing frequency of 15 cycles/min but the increase in local strain predicts that
edema could potentially initiate at a lower level than
previously thought.
In the most of lung diseases, the mechanical
properties of lung tissue has been changed. Usually, the
tissue becomes sti er and lung compliance decreases.
Our model could also be used to predict the alveolar
mechanics under most of the pathological conditions by
changing the material model used for the alveolar wall.

4. Conclusion
In this study, using FSI analysis on a 3D model of
the alveolar sac, a new model for passive breathing is
utilized.
The pressure boundary condition applied in this
simulation is compatible with the experimental respiratory ow rate. In contrast to the literature in which
the air ow is prede ned, in this model the applied

external pressure causes the air to ow in and out of
the alveolus.
This study con rmed that the air ow pattern
in the terminal alveolus is radial with no circulation.
Moreover, this FSI model could provide actual air ow
patterns for further ndings such as particle and gas
transport in healthy or patient lungs.
This model has the advantage that we will be
able to nd local alveolar stress and strain elds by
incorporating the mechanical properties of alveolar
tissue. Since, the lung parenchyma has nonlinear
viscoelastic properties, we investigated the e ect of
viscoelastic behavior of alveolar tissue on the pro le
of the ow rate. Wall viscoelasticity causes a phase
shift in the ow pro le relative to other elastic models
and shows the hysteresis behavior of the compliance
diagram. Maximum distributions of e ective stress and
stretch of 2 kPa and 1.2, respectively, are reported. The
simulation results show that there are certain hotspots
in the alveolus which are at risk for edema which are
located in thinnest regions.
In conclusion, including the mechanical properties
of the alveolar wall in FSI simulation gives us a
better description of the alveolar mechanics. Based on
the results, the nonuniform expansion of the alveolus
suggests that segments that distend the most might be
preferred alveolar locations for injury. The potential
applications of the present work to the clinical situation
of mechanically ventilated patients are to investigate
how ventilation strategies a ect the deformations at
the alveolar level and could cause overstretching.

Nomenclature
FRC
FSI
PV
RV
TLC
TV
df;s df;s
E
G
ni
P
P alv
P pl
P tp
vi

Functional Residual Capacity
Fluid-Structure Interaction
Pressure-Volume
Residual Volume
Total Lung Capacity
Tidal Volume
Displacement vector (f denotes uid, s
denotes solid)
Modulus of elasticity
Reduced relaxation function
Normal vector
Fluid pressure
Alveolar pressure
Pleural pressure
Transpulmonary pressure
Velocity vector

Greek symbols
ij

Kronecker delta
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"


0
ijf;s
f;s

Strain rate
Stretch ratio
Dynamic viscosity of the uid
Instantaneous stress response
Cauchy stresses tensor (f denotes uid,
s denotes solid)
Material density (f denotes uid, s
denotes solid)
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