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Biomechanical Aspects of Compliant Airways due to Mechanical Ventilation
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Abstract: Without proper knowledge of mechanical ventilation effects, physicians can aggravate an existing lung injury. A better understanding of the interaction between airflow and
airway tissue during mechanical ventilation will
be helpful to physicians so that they can provide appropriate ventilator parameters for intubated patients. In this study, a computational
model incorporating the interactions between airflow and airway walls was developed to investigate the effects of airway tissue flexibility on airway pressure and stress. Two flow rates, 30 and
60 l/min, from mechanical ventilation were considered. The transient waveform was active inhalation with a constant flow rate and passive exhalation. Results showed that airway tissue flexibility decreased airway pressure at bifurcation
sites by approximately 25.06% and 16.91% for
30 and 60 l/min, respectively, and increased wall
shear stress (WSS) by approximately 74.00% and
174.91% for 30 and 60 l/min, respectively. The
results from the present study suggested that it
is very important to consider the interaction between airflow and airway walls when computational models are developed. Results of this study
help to better quantify how the airflow rate used
in mechanical ventilation, in conjunction with airway tissue flexibility, affects airway pressure and
stresses.
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1

Introduction

Mechanical ventilation is a method that partially
or fully assists patients whose respiratory system
fails to achieve a gas exchange function due to
acute lung injury (ALI), acute respiratory distress
syndrome (ARDS), airway disease, pulmonary
vascular disease, or parenchymal lung disease (1).
It is often considered more of an art than a science
since physicians must balance between gas exchange rate and tidal volume to prevent ventilatorassociated lung injury (VALI). VALI may contribute to multiple organ dysfunction syndrome
(MODS) from volutrauma, atelectrauma or biotrauma mechanisms (2). Many techniques have
been suggested to prevent VALI by using positive
end-expiratory pressure (PEEP) and lowering the
tidal volume and airway pressure (1); however,
there are some drawbacks. Lowering the tidal volume can cause hypercapnia, decrease in aerated
lung volume, and increase in shunting and worsening oxygenation (3). In addition, PEEP can
cause transient oxygen desaturation, hypotension,
barotrauma, arrhythmia, and bacterial translocation (4).
Understanding the interactions between airflow
and airway walls in the human respiratory system is the first step for understanding mechanisms
during the mechanical ventilation process. Many
researchers have developed computational models
to investigate the effects of airway diseases, e.g.,
tumors (5, 6), asthma (7), stenosis (8), COPD (9,
10), and airway geometry, e.g., carinal shape (11)
and cartilage rings (12), on airflow and particle
deposition in the respiratory tract. However, these
models were developed without considering the
effects of airway wall motion on the flow field. In
other words, the airway walls were assumed to be
rigid and could not be deformed or distended by
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fluid force from the airflow. Human airways are,
in fact, soft tissue and can be distended by airflow
during mechanical ventilation (1).
In this study, a computational model incorporating the interactions between airflow and airway
walls, i.e., a flexible wall model, was developed
to investigate the effects of airflow rate during
mechanical ventilation on airway pressure, wall
shear stress (WSS), and airway stress in the human respiratory tract. The results from the flexible wall model were also compared with those
from a rigid wall approximation to evaluate the
effect of tissue flexibility on airway pressure and
WSS during mechanical ventilation.
2

Materials and Methods

The transient interactions between airflow and airway walls during mechanical ventilation were investigated by solving two coupled sets of governing equations with associated boundary conditions.
2.1

Airflow equations

The governing equations for transient airflow are
Navier-Stokes equations on a moving mesh with
the assumption of incompressible flow. These
equations govern the principles of mass and momentum conservation and are described below using Einstein’s repeated index convention (13).
Conservation of mass
ρg ∂ √
∂
( g) + ρg
√
g ∂t
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In these equations, x̃i represents the moving mesh
√
location, g is the metric tensor determinate of
the transformation, i.e., the local computational
control-volume size, ρg is fluid density, p is fluid
pressure, µ is fluid viscosity, and u is fluid velocity.

2.2

Airway wall equations

The governing relations for movement of the airway walls during mechanical ventilation are the
time-dependent structural equations and are described below using Einstein’s repeated index
convention (14)
The equation of motion
∂ σi j
∂ 2 ui
+ Fi = ρ 2
∂xj
∂t

(3)

and constitutive relations
σi j = Ci jkl εkl

(4)

In the equation above, σ is the stress in each direction, F is the body force, ρ is wall density, and
u is the displacement, C is the elasticity tensor,
and ε is the strain in each direction.
2.3

Computational method

The effect of fluid pressure on a structure is significant, especially if the structure is flexible, such
as human airways. The numerical solutions of
the interaction between airflow and airway walls
during mechanical ventilation were implemented
using two software packages, ANSYS and ANSYS CFX. ASNYS is general-purpose finite element (FE) software for structural modeling and
ANSYS CFX is general-purpose computational
fluid dynamics (CFD) software for modeling fluid
flows. The fluid-structure interaction (FSI) algorithm (15) procedures begin by solving the flow
equations to obtain fluid pressure. Structural
equations are then solved for the displacement using the fluid pressure as an external force. The
flow equations are solved again to obtain the fluid
pressure after the structural displacement changes
the fluid boundaries. This loop continues until
both fluid pressure and structural displacement
converge for each time period (see Figure 1).
2.4

Airway geometry

This study focused mainly on airway generations
3 to 5 for two reasons. First, these airway generations have less cartilage plates and no rings when
compared to the proximal generations; therefore
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Figure 1: A diagram of the fluid-structure interaction (FSI) algorithm.

the airway walls were assumed to be smooth (16).
Second, diameters of these airways do not change
as a function of lung volume but their diameters
depend on a transmural pressure across the airway walls (1). The geometric dimensions of airway generations 3 to 5 used in this study were
based on the ICRP (17) tracheobronchial geometry and airway thickness for each generation was
based on measurement by Habib et al. (18) (see
Figure 2). The branching angle of the bifurcation
was 70˚ based on the morphological data of Horsfield & Cumming (19). The corresponding geometric diameter, length, and thickness of the bifurcation are tabulated in Table 1. The surface geometry of the model was constructed based on the

physiologically realistic bifurcation (PRB) model
suggested by Heistracher & Hofmann (20). This
double bifurcation geometry was previously implemented in the study of Longest & Vinchurkar
(21), which evaluated the effects of transitional
and turbulent flow on particle deposition for a
rigid wall assumption.
2.5

Computational models and boundary conditions

The computational domains of the bifurcation
were created in ANSYS and ANSYS CFX. Due
to symmetry, only one half of the domains were
constructed. The solid domain was the airway
walls with a finite thickness and the fluid do-
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Figure 2: Geometric representations of the airway bifurcation generations 3 to 5 based on ICRP (1994)
tracheobronchial geometry and wall thickness measurements by Habib et al. (1994). These bifurcations
were used as a computational domain for this study.
Table 1: Parameters for airway generations 3 to 5 based on ICRP (1994) tracheobronchial geometry and
wall thickness measurements by Habib et al. (1994)
Generation
3
4
5

Diameter (cm)
0.56
0.45
0.36

main was the internal volume of air in the bifurcation. Solid elements were used to represent
the solid domain and fluid elements were used to
represent the fluid domain. A structural hexahedral mesh was employed to provide a high quality flow field solution, as suggested by Longest &
Vinchurkar (22) and Vinchurkar & Longest (23).
A mesh-independence study was performed on
the solid and fluid domains to confirm that a sufficiently fine mesh had been used to represent both
solid and fluid domains. The mesh-independence

Length (cm)
1.1
0.92
0.77

Thickness (cm)
0.053
0.041
0.024

study began with a mesh discretization and obtaining a solution for one inhaling/exhaling cycle. Then the finer elements were used to represented both solid and fluid domains. The results
from the finer-element model were then compared
with those from the first model. If the results
are nearly similar, then the first mesh results are
probably sufficient for that particular geometry,
loading and constraints. If the results differ by
a large amount, the process was repeated with the
finer elements. Maximum pressure and velocity
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were used as convergence criteria for the fluid domain and maximum displacement and von Mises
stress were used as convergence criteria for the
solid domain. A converged model was obtained
when changes in those solutions were less than
5%. Having performed the mesh-independence
study, the airflow velocity from the finite element
model in a center of airway generation 4 was then
compared to the experiment by Zhao & Lieber
(24). Good agreement was obtained between the
simulation and experimental results (22).
The airway wall was assumed to be of a homogeneous and isotropic material with a density of
1365.6 kg/m3 (25), a Young’s modulus of elasticity in longitudinal direction of 130.89 kPa (26),
a Young’s modulus of elasticity in circumferential and thickness direction of 74.07 kPa (27), and
Poisson’s ratio of 0.45 (27). The inlet boundary condition of the fluid domain was an airflow
waveform, which is produced by mechanical ventilation in intubated patients. The airflow was assumed to be laminar with a constant flow profile. Properties of air were assumed to be those at
25 ˚C. A pressure accounting for the impedance
pressure for the rest of the airways was applied
at the outlet of the fluid domain (28). A no-slip
boundary condition was applied at the fluid-solid
interface. A zero-displacement boundary condition was applied to the solid domain at the inlet
and outlet to represent a tethering of the airway
wall from other tissues and organs (29).
2.6

Methods of analysis

A transient analysis with a time step of 0.01 sec
was performed to study airflow velocity, airway
pressure, WSS, airway displacement, and airway
stress. WSS is the tangential stress at the airway walls due to fluid viscosity and is related
to a transverse velocity gradient (30). Stress
distributions in the airway walls were analyzed
by employing the von Mises stress, which is
associated with distorting the shape of material
(31). To eliminate the effect of initial conditions,
the simulations were performed for three inhaling/exhaling cycles.
The effects of maximum flow rate during mechanical ventilation on airflow velocity, airway

pressure, WSS, airway displacement, and airway
stress in the bifurcation were studied by implementing two flow rate waveforms: 30 and 60
l/min in the trachea. Input flow waveforms from
mechanical ventilation at the trachea are shown in
Fig. 3. To obtain the flow rate at airway generation 3, the continuity equation was applied between the trachea and airway generation 3. The
obtained flow rate was then applied as the inlet
boundary condition of the fluid domain. The flow
waveforms were constructed by assuming that the
tidal volume was 700 cm3 . The passive exhalation
was described by the following equation.

v (t) = −

V0 −t/τ
e
τ

where v is airflow velocity (m/s), t is time (s), V 0
is the tidal volume (cm3 ), and τ is a time constant equal to the product of lung compliance and
resistance. The time constant in this study was
chosen such that the ratios between the duration
of inhalation and exhalation were 1/2 and 1/4 for
airflow rates of 30 and 60 l/min, respectively (1).
To investigate the effect of airway wall tissue flexibility on airflow velocity, airway pressure, and
WSS in the bifurcation, analyses were carried out
assuming the airway walls to be rigid or flexible.
For the rigid model, analysis was performed only
on the fluid domain. The bifurcation in this case
acts like a rigid tube that cannot be deformed by
fluid forces from the airflow; therefore, there is
no stress on the airway walls. For the flexible
model, analysis was performed on both fluid and
solid domains. The bifurcation in this case acts
like a flexible tube that can be deformed by fluid
forces from the airflow. Therefore, stress in the
airway walls is considered in this analysis. The
FSI algorithm (15) was implemented for the flexible model.
3
3.1

Results and Discussions
Airflow velocity

Airflow velocity patterns for both flow waveforms
at the end of inhalation were similar (see Figure
4). High airflow velocity spread throughout G3.
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Figure 3: Flow waveforms of active inhalation with a constant flow rate and passive exhalation for airflow
rates of 30 and 60 l/min. Five points along the flow waveform that were used to study the tissue flexibility
effect are illustrated.
After the first bifurcation, high airflow velocity
moved toward medial side of G4. Airflow velocity in both G3 and G4 was symmetric; however velocity profiles in G5 were not symmetric.
Airflow velocity in the branch G5M was higher
than that in the branch G5L. The difference in airflow velocity in G5 was from high airflow velocity at the medial side of G4. Airflow velocity in
all branches increased when the airflow rate increased. The maximum airflow velocity for 30
l/min was 3.247 m/s and this maximum airflow
velocity increased approximately 85% when airflow rate increased to 60 l/min.
Patterns of the airflow velocity for the flexible
and rigid models were similar at both airflow
rates. Airflow velocity from the flexible model
was slightly lower than those from the rigid model
because of an airway expansion during the inhalation. Table 2 shows the differences in airflow velocity from the flexible and rigid models at each
point along the airflow waveform. The maximum
differences between both models were at the beginning of the exhalation (point 3) for both airflow
rates. They were 15.82% and 61.52% for airflow

rates of 30 and 60 l/min, respectively.
3.2

Airway pressure

High pressure areas were at the beginning of G3
and at the bifurcations for both flow waveforms at
the end of inhalation (see Figure 5). The pressure
at the first bifurcation between G3 and G4 was
higher than that at the second bifurcation between
G4 and G5. Airway pressure at the bifurcations
increased when the airflow rate increased. The
maximum airway pressure at the end of inhalation
for 30 l/min was 67.86 Pa and this maximum airway pressure increased approximately 40% when
the airflow rate increased to 60 l/min. The maximum airway pressure at the first bifurcation was
about two times higher than that at the second bifurcation.
Airway pressure distributions for the flexible and
rigid models were similar. Airway pressures from
the flexible model were lower than those from the
rigid model due to the tissue flexibility effect. Table 3 shows the differences in airway pressure for
the flexible and rigid models at each point along
the airflow waveform. The maximum differences
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30 l/min

60 l/min

Figure 4: Airflow velocity in airway bifurcation generations 3 to 5 at the end of inhalation (point 2) for
airflow rates of 30 and 60 l/min.
Table 2: Comparison of airflow velocity at airflow rate 30 and 60 l/min for the flexible and rigid models
Airflow rates (l/min)

30

60

Point
1
2
3
4
5
1
2
3
4
5

Maximum velocity (m/s)
Flexible model Rigid model
3.102
3.119
3.247
3.283
6.781
7.854
1.144
1.244
0.184
0.184
5.827
5.858
5.998
6.115
6.118
9.882
1.115
1.168
0.184
0.184

between both models were at the beginning of the
exhalation (point 3) for both airflow rates. Flexible walls decreased the maximum pressure during
mechanical ventilation by 25.06% and 16.91% for
30 and 60 l/min, respectively.

Error (%)
0.55
1.11
15.82
8.74
0.00
0.53
1.95
61.52
4.75
0.00

The increase in airway pressure associated with
rigid walls suggests that people with stiff airways,
e.g., elderly people (32) or asthma patient (33) can
experience a higher airway pressure during mechanical ventilation than normal people. High air-
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Table 3: Comparison of airway pressure at airflow rate 30 and 60 l/min for the flexible and rigid models
Airflow rates (l/min)

30

60

Point
1
2
3
4
5
1
2
3
4
5

Maximum airway pressure (Pa)
Flexible model Rigid model
25.022
25.082
67.863
67.992
23.374
29.2314
6.401
6.401
3.877
3.877
53.836
54.142
95.333
95.764
23.091
26.995
6.287
6.287
3.877
3.877

30 l/min

Error (%)
0.24
0.19
25.06
0.00
0.00
0.57
0.45
16.91
0.00
0.00

60 l/min

Figure 5: Airway pressure in airway bifurcation generations 3 to 5 at the end of inhalation for airflow rates
of 30 and 60 l/min.
way pressure can affect inflammatory mediators
(34-36). The overproduction of cytokines can exacerbate lung injury and can lead to an increased
mortality of patient with ALI or ARDS. Pressures
in the airways can be transmitted throughout the

whole lung via the lung fiber system. If this transmitted pressure is very high, it can cause a mechanical rupture of the lung fiber network especially in diseased regions as may occur with emphysema. This high pressure at the airway walls
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30 l/min

60 l/min

Figure 6: WSS in airway bifurcation generations 3 to 5 at the end of inhalation for airflow rates of 30 and
60 l/min.
also cause a mechanical rupture at alveolar ducts
since the axial fibers run from the branching airways to the alveolar structures (37).
3.3

Wall shear stress (WSS)

High WSS was observed at the beginning of G3
and at the bifurcations for both flow waveforms
at the end of inhalation (see Figure 6). WSS at
the medial side of branch G4 was higher than
that at the lateral side of branch G4, and WSS in
branch G5M was higher than that in branch G5L.
WSS increased when the airflow rate increased.
The maximum WSS for 30 l/min was 0.421 Pa
and this maximum WSS increased approximately
116% when the airflow rate increased to 60 l/min.
Distributions of WSS for the flexible and rigid
models were similar; however, WSS values from
the flexible model were different from the rigid

model. Table 4 shows the differences in WSS for
the flexible and rigid models. The maximum differences between both models were at the beginning of the exhalation (point 3) for both airflow
rates. The maximum differences in WSS associated with the flexible model during mechanical
ventilation were 74.00% and 174.91% for 30 and
60 l/min, respectively. The effects of tissue flexibility on WSS from this study were similar to
results from the previous studies in the abdominal aortic aneurysm (AAA) by Leung et al. (38),
Torii et al. (39), and Scotti & Finol (40). Their
results showed that tissue flexibility can increase
or decrease WSS and the influence of WSS highly
depended on geometry.
The increases in WSS with the flexible model and
with increasing airflow can alter rates of cellular proliferation (41, 42), cell migration (43), cell
apoptosis (44), cell turnover (45), cytoskeletal re-
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Table 4: Comparison of wall shear stress (WSS) at airflow rate 30 and 60 l/min for the flexible and rigid
models
Maximum WSS (Pa)
Airflow rates (l/min) Point
Error (%)
Flexible model Rigid model
1
0.398
0.397
-0.25
2
0.421
0.417
-0.95
3
0.677
1.178
74.00
30
4
0.061
0.061
0.00
5
0.007
0.007
0.00
1
0.872
0.864
-0.92
2
0.910
0.884
-2.86
3
0.558
1.534
174.91
60
4
0.059
0.059
0.00
5
0.007
0.007
0.00
organization (46), nitric oxide (NO) production
(47), cell metabolism and gene expression (48)
as well as inflammatory mediators (49). When
the airflow rate during mechanical ventilation increases, not only does the magnitude of WSS increase but also the frequency of WSS oscillations
increases. The increase in frequency of pulsatile
airflow can also alter the proliferation rate of a cell
(50).
3.4

Airway displacements

High airway displacements were observed at the
bifurcations for all flow waveforms during the
end of inhalation (see Figure 7). The airway displacements at the first bifurcation were lower than
those at the second bifurcation. The airway displacements increased when the airflow rate increased. The maximum airway displacement for
30 l/min was 0.2 mm (about 10 % increases in
airway diameter) and this maximum airway displacement increased approximately 50% when
the airflow rate increased to 60 l/min.
3.5

Airway stress

High von Mises stresses were at the bifurcations
for all flow waveforms during the end of inhalation (see Figure 8). The von Mises stresses at the
first bifurcation were lower than those at the second bifurcation. The von Mises stress increased
when the airflow rate increased. The maximum
von Mises stress for 30 l/min was 4.8 kPa and

this maximum von Mises stress increased approximately 25% when the airflow rate increased to 60
l/min.
Although the effect of the airflow rate on the
airway stress was relatively small compared to
changes in the airflow velocity, airway pressure,
and WSS, the increase in the airway stress can
trigger airway wall remodeling process by increasing the synthesis of Egr-I, fibronectin protein, and the MMP-9/TIMP-1 ratio (51). This increase in Egr-I protein, fibronectin protein, and
MMP-9/TIMP-1 ratio from mechanical stress is
similar to the response observed in the airwaywall-thickening process of asthma. Stresses in the
airway walls can also inhibit airway wall healing
process (52).
4

Limitations

In this study, the geometry was based on an idealized symmetric model; however, a study by Horsfield et al. (53) showed that airway diameter
and branching airways were asymmetric. In addition, material properties of the airway walls in
the present study were assumed to be linear with
orthotropic properties with similar Poisson’s ratio
in all direction due to lack of experimental data
in the literature. Studies by Ito et al. (54) and
Smith et al. (55) showed that the airway wall exhibited viscoelastic properties and nonlinear dynamic behaviors. Further study is needed to investigate the effects of the airway geometry and
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30 l/min

60 l/min

Figure 7: Airway displacement of airway bifurcation generations 3 to 5 at the end of inhalation for airflow
rates of 30 and 60 l/min.
airway wall properties on airflow velocity, airway
pressure, WSS, and airway stress.
5

Conclusion

The airflow velocity, airway pressure, wall shear
stress (WSS), and airway stress within the airway generations 3 to 5 were analyzed in this
study using the finite element method coupled
with the computational fluid dynamics technique.
The analysis was performed to investigate the effects of interaction between airflow and airway
walls during mechanical ventilation. The simulation results of airflow velocity, airway pressure,
WSS, airway displacement, and airway stress
were symmetric about airway generation 3 despite
the asymmetry at airway generation 5. For the
airway generations 3-5 considered in this study,
the asymmetric outlets have little influence on the

airflow near the inlet. The results also showed
that flexible airway walls decreased airflow velocity and airway pressure as well as altered WSS.
Results of this study highlight the importance of
including flexible airway walls when analyzing
the effects of mechanical ventilation on the airway surface and internal wall structures. Furthermore, this study provides, for the first time, qualitative values of airway pressures, WSS, and airway stress that may encountered during mechanical ventilation.
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