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Abstract—The airway structure continuously evolves from
birth to adulthood, influencing airflow dynamics and respi-
ratory mechanics. We currently know very little about how
airflow patterns change throughout early life and its impact
on airway resistance, namely because of experimental limi-
tations. To uncover differences in respiratory dynamics
between age groups, we performed subject-specific airflow
simulations in an infant, child, and adult conducting airways.
Airflow throughout the respiration cycle was calculated by
coupling image-based models of the conducting airways to
the global respiratory mechanics, where flow was driven by a
pressure differential. Trachea diameter was 19, 9, and
4.5 mm for the adult (36 years, female), child (6 years,
male), and infant (0.25 years, female), respectively. Mean
Reynolds number within the trachea was nearly the same for
each subject (1100) and Womersley number was above unity
for all three subjects and largest for the adult, highlighting
the significance of transient effects. In general, air speeds and
airway resistances within the conducting airways were
inversely correlated with age; the 3D pressure drop was
highest in the infant model. These simulations provide new
insight into age-dependent flow dynamics throughout the
respiration cycle within subject-specific airways.

Keywords—Computational fluid dynamics (CFD), Multi-

scale, Lung, Inspiration and expiration.

INTRODUCTION

The structure18,20,29 and function16,26 of the pul-
monary airways change throughout life, likely influ-
encing ventilation distribution and global and localized
respiratory mechanics. While significant efforts have
been made in recent years to measure or predict ven-
tilation distribution in healthy human adults,24,28,40

very little attention has been focused on the juvenile

population, despite their heightened sensitively to air-
borne toxins.15 Due to practical and ethical consider-
ations, it is mostly unfeasible to study healthy children
using advanced imaging or mechanics methodologies
beyond what is routinely performed in the clinical
setting. However, due to novel advancements in sub-
ject-specific computational modeling,22,31,43 it is pos-
sible to perform virtual experiments, enabling insights
into age-dependent ventilation differences, which could
not be explored previously.

As we age into adulthood, our conducting airways
become larger29 and the number and shape of alveoli in
the lung periphery evolve.3 In addition, tidal and
residual volumes, respiration rate,18 and respiratory
compliance increases, while the respiratory resistance
decreases during postnatal growth.26 These morpho-
metric and functional changes likely influences how the
air distributes in the lungs, not only effecting flow
patterns and breathing mechanics, but distribution of
inhaled particulates.1 Gaining a fuller understanding
on how lung physiology and anatomy changes
throughout healthy life is paramount to future studies
aimed towards using simulation tools to understand
and treat pulmonary pathologies, especially those that
appear at a young age.

In recent years, there has been a substantial growth
in both the number and sophistication of in silico res-
piratory models. Recent simulations have incorporated
image-based airway geometry,27 realistic respiration
maneuvers,30 and lung mechanics.7,33 By coupling
lower dimensional (e.g., 0D or 1D) to image-based 3D
lung models,7,25,35 localized flow patterns can be
uncovered while including global respiratory mechan-
ics, a technique that is important when predicting
differences between age groups as well as pathological
states. As it is not feasible to resolve all geometric
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scales of the lung by direct modeling, most work has
focused on modeling airflow and particle transport in
the extra-thoracic, conducting airways,4,44 or repre-
sentative regions of the respiratory zone.41

This goal of this current study is to investigate the
differences in airflow patterns in subject-specific con-
ducting airways spanning across three different age
groups. With this objective, we developed a pipeline
that incorporates CT-based airway geometry creation
and characterization, calculation of global respiratory
parameters, and unsteady airflow simulations. In an
attempt to correlate growth to global and local flow
distributions, we compare results between subject-
specific infant, child, and adult models. By assessing
the influence of airway geometry and respiratory
mechanics evolution on flow distribution, we aim to
understand potential fundamental differences between
the age groups.

MATERIALS AND METHODS

Unsteady airflow simulations are performed in an
infant, child, and adult pulmonary airway geometries
to predict age-dependent variability in airflow and
airway resistance. Conducting airway geometric mod-
els of an infant, child, and adult subject are con-
structed from clinically-obtained thoracic CT images
and airway dimensions are measured and compared to
existing datasets. Physiologically-based simulations are
performed by coupling global lung mechanics to the
3D conducting airways where the airflow is driven by
the pressure differential between the driving pressure
and atmospheric pressure. For each subject, time-de-
pendent flow characteristics are predicted and related
to the subject’s specific morphometry. The creation of
the airway geometries and performance of airflow
simulations are described below; further technical de-
tails regarding the modeling procedure are described
by Oakes et al.32,34

Geometry Creation and Verification

Spanning from the trachea to the most distal con-
ducting airways distinguishable on the images, 3D
conducting airway geometries of an infant, child, and
adult (Table 1) are created with the open source soft-
ware, SimVascular.43 Image data used to support this
study came from thoracic CT images obtained from
the SiRFS Stanford Repository. The usage of the CT
scans was approved by the Stanford University Insti-
tutional Review Board. These CT images were col-
lected from patients with Pulmonary Arterial
Hypertension, which is not expected to influence the
conducting airway morphology. To verify that the

airway geometries were absent from airway abnor-
malities we consulted with a surgical expert and com-
pared airway morphometric features to data available
in the literature. Airway geometries are analyzed with
custom built MATLAB codes34 and airway diameters,
path lengths, bifurcation and gravitational angles are
compared to reference data.29,39

Unsteady Airflow Simulations

Airflow throughout the respiration cycle is calcu-
lated by solving the Navier–Stokes equations with
physiologically realistic boundary conditions, assum-
ing that the air is incompressible (fluid density:

qf ¼ 1:2E�6g=mm3), Newtonian (viscosity:

l ¼ 1:81E�5g=ðmmsÞ1), and that the walls are rigid:

@u

@t
þ
�
u � r

�
u ¼ � 1

qf
rpþ l

qf
r2u ð1Þ

r � u ¼ 0; ð2Þ

where u and p are the fluid velocity and pressure,
respectively. All simulations are performed with the
same type of boundary conditions, but individually
parameterized. Airflow is driven by a pressure differ-
ential between the terminal airways (Ci;j where i and j

are the airway and lobe numbers, Fig. 1) and the tra-
chea (Ctrachea). Assuming negligible pressure drop
between the mouth and trachea, we set the trachea
pressure equal to atmospheric (Patm ¼ 0 cmH2O gage).
At the airway walls (Cwall, Fig. 1) a no slip boundary
condition is prescribed.

Boundary condition descriptions at the distal faces
(Ci;j) are not straightforward, as neither the time-de-

pendent flow or pressure can be experimentally mea-
sured directly. Thus, it is necessary to choose these
boundary conditions carefully, in order to best represent
physiological conditions. In the respiratory system, flow
in and out of the lungs is driven by the diaphragm mo-
tion, which in turn creates a negative pressure within the
pleural cavity. This pressuremust overcome the pressure
gradients caused by the respiratory compliance and
resistance to draw air in and out of the lung. To mimic
this process with our simulations, we choose to prescribe
resistance and compliance networks, driven by the time-
dependent driving pressure, PDðtÞ, to each of the distal
faces, Ci;j. The respiratory resistance and compliance

values, as well as the definition of the driving pressure
are described below.

Global Respiratory Parameters

Global respiratory parameters, including tidal vol-
ume (TV), respiratory rate (RR), mean flow rate
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(Qmean), resistance (Rglobal) and compliance (Cglobal),

were calculated for each subject based on their age,
gender, weight, and height. Measuring global respira-
tory mechanics in 63 children spanning ages 3 weeks to
15 years, Lanteri and Sly26 report empirical relation-
ships as a function of gender and height; we employ
these relationships to estimate dynamic respiratory
resistance and compliance for the infant and child
models. In 16 adult patients with no history of car-
diopulmonary disease, D’Angelo et al.9 measured dy-
namic compliance and resistances in sedated patients;
average values were employed here for the adult sub-
ject. Analyzing data collected from multiple sources,
Hoffman18 reported age-dependent relationships for
TV and RR, and these were applied here for the infant
and child subjects. For the adult subject, commonly
accepted TV and RR values are employed, which fall
within ranges reported by several sources.2,18

Driving Pressure Calculation

Experimental measurement of pleural pressure,
PPðtÞ, is not straightforward and not performed during
routine visits to the clinic. Alternatively, pleural pres-
sure may be calculated if the pulmonary resistance and
compliance are known. In this current study, we are
modeling tidal breathing, driven by a pressure that
must overcome the respiratory resistance and compli-
ance to drive air into and out of the airways. Thus, we

set this driving pressure PDðtÞ ¼ PPðtÞ þ FRC
Cglobal

, taking

into account the initial lung volume at rest (FRC).
Assuming the respiration waveform, Rglobal, and Cglobal

are known, the driving pressure can be set as

PDðtÞ ¼ RglobalQðtÞ þ VðtÞ
Cglobal

� Patm ð3Þ

where QðtÞ ¼ dVðtÞ
dt . Assuming a sinusoidal respiration

waveform, we define the time-dependent breathing
volume, V(t) as:

VðtÞ ¼ � 1

2

"

TV cos
� 2p
TB

t
�
þ TV

#

; ð4Þ

where TB is the total time for one breath, defined as 1
RR.

Note, the sign convection indicates flow direction;
negative and positive flow rate for inhalation and

exhalation, respectively. Employing each subject’s
respiratory parameters (Table 2), PDðtÞ is calculated
for each subject.

Prescribing Respiratory Mechanics at Ci;j

To model airflow within the 3D airways, appropri-
ate and physiologically-realistic boundary conditions
must be implemented. To do this, we sectioned the
lung into the directly modeled 3D region, and the
indirectly modeled lumped-parameter (0D) region.
These regions were then linked together with boundary
condition descriptions. Airflow in and out of the lungs
is driven by the difference between the driving pressure,
PDðtÞ, and the atmospheric pressure (Patm is set to 0 cm
H2O at the trachea, Fig. 1). As this total pressure drop
includes both the 3D and 0D domains, PDðtÞ must
overcome both P0D and P3D to move flow in and out of
the lungs. The 3D pressure drop, P3D, is a result of the
airflow resistance, calculated from the 3D simulation,
and is a function of the fluid properties, airway
geometry, and airflow characteristics. P0D represents
the pressure drop distal from the 3D geometry,
incorporating viscous airflow resistance and the resis-
tance and compliance of the pulmonary tissue and
thoracic cavity. Distal pressure drop may be described
by simple lumped-parameter resistance-compliance
networks. Namely, at each step of our Navier–Stokes
solver, we solve

PCi;j
¼ Rn

i;j

dVCi;j

dt
þ
VCi;j

Ci;j
þ PD; ð5Þ

by passing flow rate to Ci;j.
13 Here,

VCi;j
¼

R t

0

R
Ci;j

u � n ds dt0; u is the air velocity, calculated

by solving the Navier–Stokes equations (Eqs. (1) and
(2)), and n is the unit vector normal to the boundary.
Note, that Eq. (5) represent the pressure drop distal to
the 3D geometry and therefore does not account for
the 3D pressure drop P3D. As we assume that our 3D
airways are rigid, compliance is not affected by the 3D
geometry and therefore, assuming that the delivered air
volume is proportional to the subtending lobe volume
and cross-sectional area of the distal airway (Ai;j); we

set Ci;j ¼ Ai;jajCglobal

ATj
, where aj is the lobe volume fraction

(0.25, 0.20, 0.25, 0.09, 0.21, for the left inferior and
superior, and right inferior, middle, and superior lobes,

TABLE 1. Subject data.

Age (years) Weight (kg) Height (cm) Gender

Infant 0.25 6.1 55.2 Female

Child 6 18.8 115 Male

Adult 36 59.8 160 Female

OAKES et al.500



respectively)19 and ATj
¼

PNairway

i¼1 Ai;j is the total cross-

sectional area of all the airways within each lobe j.32

The 3D resistance is not negligible and cannot be
predicted a priori due to the complex geometry and

flow structures. Initially, we set Rn
i;j ¼

ATj
Rglobal

Ai;jaj
. Fol-

lowing each unsteady simulation, we update Rn
i;j,

accounting for the 3D resistance by solving

Rn
i;j ¼ dt

dVCi;j

h
DPCi;j

� VCi;j

i
, where DPCi;j

is pressure drop

from the trachea to each distal face and is calculated

from the simulation results, and
dVCi;j

dt and VCi;j
are the

expected flow rate and volume, respectively. We iterate

unit Rn
i;j is within 5% of Rn�1

i;j , where n and n� 1 rep-

resents the current and previous simulation, respec-
tively.

Numerical Calculation of Airflow

The incompressible Navier–Stokes equations
(Eqs. (1) and (2)) are solved with the flow solver
available in Simvascular, an open-source software
package developed for physiological flow simula-
tions.43 A stabilized Galerkin finite element method
with a custom linear solver that incorporates a com-
bination of GMRES and conjugate gradient methods
is employed.12 The second order generalized a-method
is used for the time integration. To avoid numerical
instability at Ctrachea and Ci;j we apply a backflow sta-

bilization framework,13 with b ¼ 0:1. Tetrahedral ele-
ments with boundary layer refinement are created with
Meshsim (Simmetrix Inc., Clifton Park, NY). Rigor-
ous mesh-sensitivity studies are performed to ensure
that the results were independent of the mesh resolu-
tion. Test mesh sizes ranged between 0.3 to 15 million
elements with varying amounts of boundary layer
refinement. A final mesh size of 11, 5, and 5 million
elements are used for the adult, child, and infant
models, respectively. These mesh sizes ensured that
mass is conserved within 0.01%. A time step of 1E24 s
is employed, with up to 7 non-linear iterations per
time-step.

RESULTS

Airway Geometries

The 3D airways span up to 11, 9, and 9 generations
for the adult (Fig. 1a), child (Fig. 1b), and infant
(Fig. 1c), respectively. Due to image resolution limi-
tations and the smaller dimensions of the juvenile
lungs, the image-based 3D airways for the infant and
child had 23 and 37 terminal airways, compared to 40
terminal airways in the adult geometry. The surface

area of the 3D airway walls are 20.6, 60.5, and 172 cm2

for the infant, child, and adult, respectively. To high-
light the differences between the three geometries, vi-
deo files of the rotating airways are provided within the
supplementary materials. The infant model is consid-
erably more planar than the adult and child models. In
addition, the main branch leading to the left inferior
lobe is relatively smaller in the infant model compared
to the other two models.

Airway diameters and lengths for the three geome-
tries are presented in Fig. 2. Dimensions were mea-
sured directly from the geometric models created from
the CT images and are presented as the mean and
standard deviation per generation. As the beginning of
the trachea is not distinguishable on the CT images, it
is not possible to measure the trachea length. Similarly,
the terminal airway lengths are not reported. We
compare dimensions to those previously reported for
subjects with similar age and height,29,38 Employing
measurements collected from airway casts of subjects
spanning ages 11 days to 21 years old, Phalen and
Oldham38 correlated airway lengths and diameters to
the subject’s height, incorporating generation-depen-
dent coefficients. Similarly, Ménache et al.29 report
morphometric data for subjects ages 0.25 to 21 years
old, correlated to age-dependent coefficients and gen-
eration numbers. Note, that while Ménache et al. re-
port dimensions of an infant the same age as the one
analyzed here (0.25 years), their dataset did not include
a 6 year old child. Therefore, we used the closest aged
subject (8.67 years). Shown in Fig. 2, the airway
dimensions typically lay in-between the previously
reported correlations. The largest differences can be
seen for the first couple of airway generations, where
our measurements are smaller than reported by Phalen
and Oldham38 and larger than reported by Ménache
et al.29 for the infant and child models. In contrast, the
trachea diameter of the adult is slightly larger than
values previously reported (Fig. 2a). In addition, as
only the larger airways within a given generation are
distinguishable on the CT images, later generation
airway diameters are larger than relationships that
include all (i.e., small) airways (Fig. 2).

Estimated Respiratory Parameters

Global flow characteristics and mechanics esti-
mated from the empirical relations are given in
Table 2. As expected, lung volumes (TV and FRC)
increase with age. In addition, the ratio of TV to

FRC is larger in the infant ( TVI

FRCI
¼ 0:54) and child

( TVC

FRCC
¼ 0:25) than in the adult ( TVA

FRCA
¼ 0:17). This

indicates that, with respect to the resting lung vol-
ume (FRC), the amount of inhaled air (TV) is
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greater in youth than in adults. While RR decreases
with age, Qmean increases, as the decrease in RR
from infant to child is two-fold, while TV is four
times higher in the child compared to the infant

(note: Qmean ¼ TV� RR). Calculated from the
empirical relationships, respiratory resistances
decreased and compliances increased with age
(Table 2).
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leading to each lobe are outlined as well as the airflow boundary conditions. Scale bars (1 cm) are shown for the three models.
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Global Airflow Characteristics

Non-dimensional parameters, Reynolds

(Re ¼ 4qQ
plDtrachea

, where Q is either Qmean: mean flow

rate during inspiration or Qmax: maximum flow rate)

and Womersley numbers (Wo ¼ Dtrachea

ffiffiffiffiffiffiffiffi
2pq
RR l

q
) are

presented in Table 3. Re, the ratio of inertial to viscous
forces, was similar between models and less than the
expected criteria necessary for turbulent flows in con-
duits. Note, Wo, represents the importance of transient
inertial forces with respect to the viscous forces; larger
values of Wo indicate a stronger time-dependence.
Womersley numbers are larger than unity for all three
models and increased with age, signifying the impor-
tance of the transient flow field.

The maximum driving pressure, PDðtÞ increases
with age; PDA

ðtÞ is much smaller than PDC
ðtÞ and

PDI
ðtÞ (Figs. 3a and 3d). Plotted as the summation of

the flow rates at each of the terminal airways within
each lobe, the proportion of air volume entering each
lobe is the same between the three models (Figs. 3d and
3f), as the same lobe fraction was employed to calcu-
late Ri;j and Ci;j. Pressure is negative at the terminal

airways during inspiration and positive during expi-
ration (Figs. 3g and 3i), relative to the pressure set at
the trachea (Ptrachea ¼0). During expiration, the left
superior pressure is larger throughout time for all three
models. In contrast, the left inferior lobe exhibited the
largest pressure during inspiration in the child model
(Fig. 3h) and the left inferior and superior lobes had
nearly the same pressure during inspiration in the adult
model (Fig. 3g).

Airflow and Pressure Characteristics in the 3D
Geometries

Pressure at time of maximum inhalation and exha-
lation are shown in Fig. 4 for the three models. The 3D
pressure drops are less than 10% of the respiratory
driving pressures (Fig. 4). During inhalation, the flow
stagnates at the main bifurcation, causing localized
regions of increased pressure, Fig. 4. Non-uniform
distribution of pressure is seen at the main carina be-
cause the air rapidly changes direction to fill in the left
and right lungs (Fig. 5). The pressure drop from the
trachea to the distal airways is largest in the infant

model for both inhalation (Fig. 4c) and exhalation
(Fig. 4f). Locations of large pressure differentials are
the same between the three models, located at the area
of the reduced cross-section of the left main bronchi.
Plotted as the average pressure over all the terminal
airways within each lobe, the larger pressure drops in
the infant model are also highlighted in Fig. 3(i). In
contrast to the adult and child models, the left superior
lobe exhibited the largest pressure drop for inspiration
and expiration (Fig. 3i). While the largest pressure
drop are seen in the left superior lobe for exhalation,
the left inferior lobe exhibited the largest pressure drop
during inhalation in the adult (Fig. 3g) and child
(Fig. 3h) models. Highlighted in the 3D geometries
(Fig. 4), the pressure more rapidly changed along the
main left bronchi for all three models.

Velocity magnitudes at peak inhalation (panels a–c)
and exhalation (panels d–f) are shown for the three
models in Fig. 5. In addition, velocity magnitudes at
various locations along the main bronchi are shown in
Figs. 6, 7 and 8 for the adult, child, and infant,
respectively; the velocity magnitudes are shown with
colored contour plots with secondary flow streamlines
and velocity vectors overlaid. Peak velocity magni-
tudes are inversely correlated to age: the airflow is
faster in the infant model compared to the other two.
For all three models, peak velocity is found at the left
main bronchi just upstream of the bifurcation that
leads to the superior and inferior left lobes where the
cross-sectional areas are reduced (Fig. 5). During
inspiration, the velocity profile in the trachea of the
healthy adult (Fig. 6, location 1) is more plug-like than
the child (Fig. 7) and infant (Fig. 8), where the velocity
profile is more parabolic. This occurs because Wo is
larger in the adult (Table 3).

Inhaled air starts at the trachea entrance and passes
through each of the bifurcations and exits out of the
distal airways. Airflow speed is highest closest to the
inside of the bifurcation. Depending on the combined
influence of the airway’s girth and curvature, the
resulting adverse pressure gradient (Fig. 4) will cause
flow to separate. For example, Figs. 5a–5c illustrates
areas of flow separation and recirculation distal to
some of the bifurcations during inhalation. In Fig. 9
we highlight the 3D nature of the flow field by plotting
streamlines at peak inspiration and expiration. Loosely

TABLE 2. Respiratory parameters employed in CFD simulations.

TV (mL) FRC (mL) RR (breaths/s) Qmean (mL/s) Rglobal (cm H20-s-mL�1) Cglobal (mL-cm H2 0�1)

Infant 49 81 0.66 65 8.02E22 5.19

Child 209 830 0.32 135 2.44E22 23.1

Adult 500 3000 0.25 250 7.0 E23 59
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correlated to the magnitude of the bifurcation angles,
helical flow structures are observed within the left
superior lobe of the adult (Fig. 9a) and infant (Fig. 9e)

during inspiration. Deans number (De ¼
ffiffiffi
d
2r

q
Re, where

r is the radius of curvature (calculated from three
points along the airway’s centerline) and d is the con-
duit diameter) characterizes flow in curved vessels
based on the ratio of combined inertial and centripetal

forces with respect to the viscous forces. Deans num-
bers are shown for each cross-section (Figs. 6, 7, and
8). Compared to the other two models, De is smallest
at position 5 child model, because of the small radius
of curvature, resulting in less secondary flow motion.
Secondary flow motions are largest in the infant
(Fig. 8) than the child (Fig. 7) and adult (Fig. 6). As
evident by the streamline density, cross-sections with
the largest De correlate with the largest secondary

TABLE 3. Dimensionless flow parameters (Reynolds numbers; Remean ¼ 4qQmean

plDtrachea
and Remax ¼ 4qQmax

plDtrachea
, Womersley number;

Wo ¼ Dtrachea

ffiffiffiffiffiffiffi
2pq
RRl

q
, where f is the respiration frequency) and the average (R3Dmean

¼ DPmean

Qmean
) and maximum (R3Dmax

¼ DPmax

Qmax
) 3D flow

resistance for each subject.

Remean Remax Wo R3Dmean
(cm H2O s/mL ) R3Dmax

(cm H2O s/mL )

Infant 1147 1746 2.52 4.8E23 2.9E21

Child 1166 2006 3.59 2.1E23 3.3E21

Adult 1072 1740 6.13 3.42E24 4.8E22
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motion for inhalation in the infant airways (Fig. 8).
Differences in the flow structures between the three
geometries is likely a combination of De, Wo, and Re
(Table 3), as well as variations in the airway shapes,
including airway cross-sectional ellipticity. For each
geometry, flow structures that form just distal to the
bifurcation during inspiration propagate into the
daughter branch. While the secondary flow structures
tend to dissipate within a few diameters, the flow
generally does not have sufficient time/length to
become fully developed.

During exhalation air travels from the distal bran-
ches up towards the trachea. In general, airflow is more
complex during exhalation, as air originating from
daughter bronchi merge together within their parent
branch (Figs. 5d and 5f compared to a and c). As
highlighted in Fig. 9, air originating from the various
five lobes form helical structures within the trachea.
Similar flow structures are also observed within the
main left bronchi of the infant (Fig. 9f), likely due to
the high speed flow coming from the inferior left lobe.

These structures are linked to air speed differences
within the two daughter branches. For example, as
shown in the trachea cutouts (location 1) in Figs. 6, 7,
and 8, secondary flow structures within the trachea are
caused by high speed regions originating from the left
main bronchi (position 5). Peak speed locations de-
pend on bifurcation symmetry; for example both the
adult and child main carina bifurcation angles are
similar, resulting in peak speeds located in the center of
the trachea (position 1, Figs. 7 and 6). In contrast, the
bifurcation angle of the left main bronchi is larger than
the right main brochi in the infant (Fig. 8), resulting in
skewed peak speeds within the trachea. For the infant,
peak speeds are found in the airway leading to the left
inferior lobe (position 6, Fig. 8) for both inspiration
and expiration. This is likely because the cross-sec-

tional area at this position is smaller (3.6 mm2) than

the airway leading to the left superior lobe (6.8 mm2),
despite the left inferior lobe having a higher flow
delivery fraction (0.25) than the superior lobe (0.2).
Recirculation is present at peak expiration at the outer
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left bronchi of the adult (Fig. 5d) and at the infant and
child’s main carinas (Figs. 5e and 5f).

Airway resistances are inversely correlated with age,
as shown by the global (Table 3) and generation-based
(Fig. 10) 3D airflow resistances. Calculated by dividing
the pressure drop across each airway by its mean flow
rate, airway resistances were larger during expiration
than inspiration for the infant and child models. In
contrast, not only is R3Dmean

an order of magnitude
smaller in the adult compared to the juveniles, but
there are minimal differences between inspiration and
expiration. None of the measured resistances matched
well with values calculated using the Poiseuille flow

profile assumptions (RPoise ¼ 64ll
pd4 , where l and d are the

length and diameter of the airway, respectively),
Fig. 10. To further highlight the variability in the 3D

airway resistances, we calculate R3Dmax
for the airway

with the largest 3D resistance (Table 3); the largest 3D
values are located in the left inferior lobe for all three
models.

DISCUSSION

To date, little attention has been focused on pre-
dicting airflow distributions and airway mechanics in
child lungs. This is mainly because it is infeasible to
perform extensive experiments in children. On the
other hand, in silico simulations may provide insight
into airflow characteristics, including airway resis-
tances, within the conducting airways. To address the
need of understanding fundamental respiratory flow
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FIGURE 5. Velocity magnitudes (m/s) through the center of the adult (panels a and d), child (panels b and e) and infant (panels c
and f) at maximum inhalation (panels a–c) and exhalation (panels d–f). Note that the same velocity range was used for both
inhalation and exhalation for each of the models. Regions of flow separation and recirculation are highlighted within each panel
(not shown to scale).
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differences between children and adults, we simulated
airflow throughout the respiration cycle in patient-
specific infant, child, and adult airway models by
coupling image-based geometries to global respiratory
mechanics. These simulations provide a first glimpse
into airflow differences between age groups.

One of the main challenges in simulating airflow in
the lung is prescribing realistic boundary conditions.
This is because it is currently impossible to experi-
mentally measure time-dependent flow rates or pres-
sures at the terminal airways. One way to overcome
this limitation is to incorporate distal respiratory
mechanics into the computational framework. By do-
ing this, whole-respiratory system dynamics may be

coupled with localized flow simulations in specific
areas of interest (e.g., conducting airways). This tech-
nique has been widely employed to study flows in the
cardiovascular system,14 and more recently, in the
respiratory system of rodents33 and adult humans.7,25

While assumptions regarding partitioning of the distal
respiratory mechanics is necessary with this approach,
parameterization is individualized based on the patient
image data. Alternative methods, such as prescribing
volumetric flow rates modeled from lung deformation
measured with CT10,30 may be employed, if multiple
CT images are acquired throughout the breathing cy-
cle, which was not the case here. Either technique, lung
deformation or distal mechanics (as employed here),
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are expected to be more realistic than prescribing
uniform or zero pressure,23 a traction-free condition,
or uniformly distributed volumetric flow rates5,42 at the
distal airways. Airflow distributions with traction-free
or uniform pressure boundary conditions are deter-
mined solely based on the 3D conducting airway
geometry; whereas in reality, flow is driven mainly by
the distal mechanics, which is consistent with the
approach used herein. Note, with our 3D–0D coupling
method, we do not need to prescribe a velocity profile
at the outlets, enabling velocity profiles to be calcu-
lated as part of the solution. Prescribing flow rate
requires a velocity profile (e.g., parabolic) to be de-
scribed within the boundary condition definition. It
should be noted with our choice of boundary condi-
tion, it was necessary to define a respiration flow rate.
We choose a sinusoidal function (Eq. (4)) as it is a
suitable assumption for breathing at rest.

As the lung ages from infancy to adulthood, the
airway dimensions increase (Fig. 1) and the elastic re-
coil pressure decreases as the airways are pulled
open,26 resulting in a reduction of total respiratory
resistance. Airway resistance, if Poiseuille flow is
assumed, is inversely correlated to the fourth power of

airway diameter (RPoise ¼ 64ll
pd4 , where l and d are the

length and diameter of the airway, respectively). While
airway resistance cannot be calculated with this simple
relationship, because the flow patterns are complex
(Figs. 6, 7, 8, and 10), we may expect that the trend
(higher resistances with smaller airways) is true. Fur-
thermore, the mean airway resistance (4.7E23
cmH2Os

mL
) in the infant is similar to airway resistance

(Rraw) to values found by Hall et al.17 in a baby of

similar height (2.05E23 cmH2Os
mL ). Rraw reported by

Lanteri and Sly falls within the range found here

(Table 3) for both the infant (3.5E22 cmH2Os
mL ) and

child (1.35E22 cmH2Os
mL )26 airways. Similar conclu-

sions can be made for the adult airways; the mean Rraw

reported by DuBois et al.11 (1.50E23 cmH2Os
mL

) lies in-

between our mean and maximum calculations. Note,
our airway resistance calculations does not encompass
the entire lung, therefore we would expect our airway
resistances to double36 (mainly because resistances
within each generation are added in parallel,
1

Rtotal
¼

PN
i¼1

1
Ri
). Note, the 0D models account for the

remaining airway resistances and the tissue/chest wall
resistances. Respiratory resistance and compliance are
a combination of lung and thoracic cavity mechanics,
including the chest wall. Lung resistance is a combi-
nation of the pressure drop due to the airflow and
energy losses associated with the deformation of the
parenchyma.21 In addition, our simulation results
agree with predictions made by Xi et al.44 in the extra-
thoracic airways of an infant, child, and adult.

While flow speeds are higher in the infant model
compared to the other two (mean speed in the trachea
for the infant, child, and adult are 313, 212, and
88.2 cm/s, respectively) Reynolds numbers are nearly
the same for all three models (Table 3). On the other
hand, Womersley number increase with age (Table 3)
and are above unity for all three subjects. In general,
similarities in the flow structures exists between the
models. For example, all three models have peak flow
regions in the main left bronchi throughout inspiration
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and expiration and these areas of high flow velocity
continue well into the trachea during exhalation
(Fig. 5). Within some bifurcations, helical structures
form during inspiration, specifically downstream of the
bifurcations leading to the superior left and middle
right lobes of the adult. The airflow is more distributed
during exhalation, likely because of the flow phe-
nomenon caused by two high speed jets merging to-
gether within a single airway. Downstream, the strong

jets begin to break, as highlighted within the trachea of
the adult, Fig. 5d. In addition, the child and infant
both have pockets of low speed near the main carina
during exhalation, whereas low speed and recirculating
flow areas are found in the right main bronchi of the
adult. Secondary flow motions (Figs. 6, 7, and 8) are
important as they contribute to the airflow resistance.
In addition, secondary motion may guide particles
towards the airway walls, enhancing particle deposi-

0

6

2

4

0

11

3.7

7.3

0

13

4.3

8.7

Inhalation Exhalation

A
du

lt
C

hi
ld

In
fa

nt

superior right lobe
middle right lobe
inferior right lobe
superior left lobe
inferior left lobe

(a) (b)

(c) (d)

(e) (f)

FIGURE 9. Streamlines at peak inspiration (velocity magnitudes, m/s: panels a, c and e) and expiration (panels b, d, and f). Colors
for exhalation are generated based on the lobe that the flow originates from.

Respiration in Infant, Child, and Adult Airways 509



tion near these regions.6,45 As Womersley number is
larger in the adult, indicating the importance of tran-
sient flow, the velocity profile in the adult is charac-
teristic of a Womersley profile, while the velocity
profiles in the infant and child are more parabolic. As
respiratory compliance increases with age (Table 2),
the amount of pressure needed to drive flow in and out
of the lung is higher (Fig. 3).

Airflow features may be distinguished between
subject or age-specific phenomenon. Global non-di-
mensional parameters, Remean and Wo, should remain
similar between subjects within the same age groups
and breathing conditions. For example, as Remean is
linearly proportional to both the characteristic length
(Dtrachea) and flow rate (Qmean) a � � 20% variability in
either the trachea diameter (Fig. 2) or mean flow rate
would result in a � � 20% variability in Remean. These
variances are not expected to significantly affect
observed global flow characteristics: conducting air-

way velocity magnitudes (Fig. 5), pressure gradients
(Fig. 4), and airway resistances (Fig. 10) are inversely
correlated with age. However, flow characteristics that
are linked to specific morphometric features (e.g.,
locations of recirculation near increases in airway
cross-sectional area, Fig. 5, linkage of secondary flow
strength with the main carina bifurcation angle, infant:
Fig. 8, and correlation of reduced cross-sectional area
and peak flow speeds within the main left bronchi,
Fig. 5) are likely patient-specific and therefore not a
phenomenon that would be observed in all healthy
subject within a particular age group. Further investi-
gations that model airflow for a large range of subjects
would indeed help to distinguish, and correlate, pa-
tient-specific versus expected median observations.

Limited by the clinical thoracic CT images, it was
impossible to capture the extra-thoracic airways with
our models. Several previous works have focused on
age differences in airflow with the extra-thoracic air-
ways.37,44 As highlighted in Xi et al.,44 the nasophar-
ynx is smaller and narrower in the juvenile models
compared to the adult. These differences, coupled with
the smaller airways, resulted in resistance values that
were inversely correlated with age,44 similar to the
findings from this study. Combining respiratory-gated
MRI and CFD, Persak et al.37 found that the
nasopharynx jet appears throughout the respiration
cycle, with the oropharynx jet only appears during the
second half of inspiration. These turbulent jets likely
reach well into the trachea during inspiration,5 and
therefore may contribute to distal flow structures and
resistances. In addition, as multiple images throughout
the breathing cycle were not acquired and we do not
have airway tissue material properties, it was not fea-
sible to incorporate deformation into our frameworks.
Experimental studies have shown that the trachea and
main bronchi are more compliant in youth8 and
therefore dynamic simulations may be even more
important than for adults.

In summary, by coupling image-based geometries
with global respiratory mechanics, we provide better
understanding of airflow and airway resistances within
healthy infant, child, and adult conducting airways.
Simulation results highlight similarities between loca-
tions of peak pressure drops, Reynolds numbers, and
developed flow structures. In contrast, model predic-
tions emphasized that peak flow speeds, pressure
drops, and airway resistances are inversely correlated
with age. We suggest that future studies focus on
uncovering inter- and intra-subject variability within
each age group, simulation of realistic breathing
waveforms during various scenarios (e.g., exercising,
crying, etc.), as well as calculating the fate of inhaled
particulates.
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