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Steady and oscillatory flow in the human bronchial tree
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In this study, we investigate the steady inhalation, steady exhalation, and oscillatory
flow in a realistic airway geometry for physiologically relevant regimes ranging from
quiet breathing to respiration under high frequency ventilation (HFV). We use magnetic
resonance velocimetry to characterize and quantify three-dimensional (3D) velocity fields
in 3D printed replicas of realistic bronchial trees. Expanding on previous studies [Jalal
et al., Exp. Fluids 57, 148 (2016); Jalal et al., Phys. Rev. Fluids 3, 103101 (2018)] which
focused on respiration in planar double bifurcation geometries, we compare levels of axial
and lateral dispersion, and find that they exceed those found in the idealized models.
Furthermore, we find that the secondary flows in realistic airways propagate deep in the
bronchial tree and are stronger during exhalation as compared to inhalation, while the
mean flow topology does not vary significantly between the two steady regimes. Under
HFV, we note significant regions of flow reversal during the inhalation-exhalation and
exhalation-inhalation transitions. This is found to be due to a difference in impedance
(dominated by inertance) in the different regions of the lung and results in an asynchronous
ventilation between the upper and lower lobes. This phenomenon, also known as pendulluft
is demonstrated experimentally for the first time, using both Eulerian velocity fields and
Lagrangian pathlines. Secondary flows are stronger in exhalation compared to inhalation
and at the peak of the ventilation cycle, match the steady cases although the flow
topology can be significantly different. Finally, the cycle-averaged drift velocity suggests
that steady streaming, while not negligible, is not the main transport mechanism during
high-frequency ventilation.

DOI: 10.1103/PhysRevFluids.5.063101

I. INTRODUCTION

Respiratory diseases are among the leading causes of death worldwide, and unlike other major
illnesses, their incidence keeps increasing [1,2]. On the other hand, aerosol drug delivery devices
have low deposition efficiencies [3,4], which is symptomatic of an unsatisfactory understanding of
the transport mechanisms within the human airways. Deepening our knowledge of the respiratory
fluid dynamics is therefore imperative. Building on seminal work on simplified bifurcating branches
[5–7], numerical and experimental methods have significantly advanced the field in the last decade
[8–11]. Still, as discussed in Ref. [12], the vast majority of studies are restricted to the inhalation
phase. While this might seem the more consequential, the exhalation phase also deserves attention
due to its importance for, e.g., gas exchange, pressure drop, and inhaled particle transport [13].
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Moreover, at high breathing rate, the oscillatory flow dynamics cannot be described by the mere
alternation of steady inhalation and exhalation and become dominated by unsteady effects [14]. The
latter are even more central in high frequency ventilation (HFV). This is a widespread technique
of mechanical ventilatory support routinely used to treat acute lung injury (ALI), acute respiratory
distress syndrome (ARDS), and severe acute respiratory syndrome (SARS). It uses higher-than-
normal breathing frequencies and low tidal volumes [15]. Despite its importance and common use,
the performance of this approach in terms of gas exchange remain incompletely understood [16].

Besides the flow regime, the airway anatomy is believed to play a key role in determining the gas
exchange and the fate of inhaled particles in the lungs. Therefore, while idealized airwaylike models
have fruitfully been used to explore fundamental aspects of respiratory fluid mechanics, the transport
in anatomically accurate airways may be substantially different. Computational methods have been
increasingly used to simulate the flows in human airways. The needed experimental validation,
however, is often lacking due to major practical difficulties. If in vivo measurements of air flow
fields in the lungs are extremely challenging and offer limited spatial resolution, in vitro velocimetry
in realistic replicas of the bronchial tree are also arduous due to geometrical complexities. Laser
imaging in this type of physical models (usually based on computed tomography scans) has mostly
been carried out either on two-dimensional (2D) planes [17] or in 3D volumes encompassing limited
portions of the main bronchi [18,19]. Using magnetic resonance imaging, Banko and co-workers
[20,21] successfully measured the full volumetric 3D flow of a realistic airway model down to the
seventh generation of bronchial branching, although they imposed simplistic boundary conditions
in terms of lobar ventilation rates.

Considering the above, in the present study we investigate the respiratory fluid flow in a
realistic bronchial tree extending from the trachea to subsegmental (sixth-to-seventh) generations
of bronchial branching. We leverage high-resolution medical imaging and 3D printing to create a
precise replica of a subject-specific anatomy, impose subject-specific boundary conditions, and use
magnetic resonance velocimetry (MRV) [22,23] to acquire volumetric velocity fields in a range
of physiological flow conditions. In particular we focus on steady inhalation, steady exhalation,
and high frequency ventilation. Steady conditions are physiologically important, as respiratory flow
can be quasisteady during normal breathing [24,25]; they are also directly relevant to deep-breath
inhalation maneuvers in aerosol drug delivery. High frequency ventilation, on the other hand, is
characterized by specific flow features and transport mechanisms [14,26]. We evaluate various
transport mechanisms and explicitly compare our results with recent studies performed in idealized
models [12,27], highlighting similarities and differences. The paper is organized as follows: in
Sec. II we introduce the methodology for the creation of the airway model, briefly describe the
MRV methodology, and define the considered regimes; in Sec. III we present the results for steady
inhalation, steady exhalation, and HFV; in Sec. IV we draw conclusions.

II. METHODS: AIRWAY MODEL, MRV MEASUREMENTS, AND FLOW REGIMES

We consider a female subject (1.58 m and 79 kg, body-mass index of 31.45) with no smoking
history and healthy lung function. Chest scans were acquired as part of the COPDGene® study
[28] using multidetector computer tomography (MDCT) that resulted in a mean isotropic voxel size
of 0.3 mm3 [29]. Scans are available both at full inhalation (total lung capacity, TLC) and at full
exhalation (functional residual capacity, FRC). We segment the five lobes [right upper lobe (RUL),
right middle lobe (RML), right lower lobe (RLL), left upper lobe (LUL), and left lower lobe (LLL)]
at both TLC and FRC. This allows us to quantify the subject-specific ventilation ratios, i.e., the
fractions of inhaled air directed to each lobe. These are listed in Table I, and are consistent with
previously reported values [30,31]. The model does not include the extra-thoracic airways. While
those may have significant impact on the downstream flow [32], focusing on the bronchial tree
allows us to isolate transport mechanisms through the bifurcating branches, which are relevant to
the phenomenology of prevalent airway diseases such as asthma and chronic bronchitis.
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TABLE I. Ventilation fraction across the five lobes of the considered subject: right upper lobe (RUL), right
middle lobe (RML), right lower lobe (RLL), left upper lobe (LUL), and left lower lobe (LLL).

RUL RML RLL LUL LLL

Ventilation fraction (%) 14 5 32 17 32

The experimental methodology to build the physical model is described in detail in Refs. [33,34],
and is summarized here for completeness. We use the TLC scan to reconstruct the bronchial
tree from the trachea to the seventh generation of bronchial branching (in average), and the
tree centerline is extracted via a semiautomatic skeletonization process. The bronchial branches
belonging to each lobe are highlighted in Fig. 1. The centerline from the skeletonization process
defines the branching points in the airway tree. A consistent definition of the airway branch is
needed. Considering the distance between successive bifurcation points along the airway tree, the
central 50% of such distance is conventionally considered as the branch distinguished from the
bifurcation regions. This type of definition is used in lung morphometry studies to define the branch
length [35,36] and we have used it recently in a study where we coupled lung morphometry and
respiratory fluid dynamics using an approach analogous to the present one [43]. The process of
segmentation (i.e., the reconstruction of the airway geometry from the MDCT intensity matrix) is
subject to inherent uncertainty. Here we use the commercial software MIMICS (Materialise Inc.,
Belgium) which has been shown via phantom-based validation to return accurate geometries,
with errors much smaller than the native spatial resolution [37]. The software applies a weighted
Laplacian smoothing algorithm to filter spurious edges caused by the limited spatial resolution.
The reconstructed airways are used to generate a life-size hollow model. This is fitted in a vessel
partitioned into five cavities, each collecting the distal bronchi of the respective lobe. The vessel
and the airway tree are 3D-printed in one piece by stereolithography using WaterShed XC 11122,
with a resolution of 100 μm at the W.M. Keck Center (University of Texas El Paso, TX). The
actual wall roughness on the internal surface of the airways could not be directly measured but it is
expected to be much smaller than the nominal resolution, because the final steps in stereolithography

FIG. 1. Silhouette of the considered bronchial tree segmented from MDCT chest scan of a healthy subject,
with branches grouped by lobe. The tracheal cross section where the bulk velocity U0 and hydraulic diameter
D0 are defined (marked with a dashed line) is 3D0 above the carina.
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postprocessing (using abrasive techniques) smoothen the surface and greatly alleviate the staircase
effect [38]. Thus, at the present range of Reynolds number, the airway surface is expected to be
hydrodynamically smooth. The above is supported by numerous previous studies, including the
comparison between the measurements of Cherry et al. [39] (using a methodology similar to ours)
and the direct numerical simulations of Ohlsson et al. [40] who found excellent agreement in their
study of a separated diffuser designed to be very sensitive to geometric variations. In using a rigid
model based on a TLC scan for both inhalation and exhalation, we neglect the change in airway
geometry during respiration. This is appropriate when investigating the central airways, due to their
limited motion and small change in cross section during the breathing cycle [8].

The model is inserted in a flow loop circulating water doped with 0.06 mol/L of CuSO4, with
plastic tubing connecting the trachea to a pumping system and the five lobes to a holding tank. For
the steady inhalation and steady exhalation cases we use a centrifugal pump attached to a digital flow
regulator (for details, see Ref. [27]), while for the oscillatory flow case we use a computer-controlled
piston pump (described in Ref. [41]). The outlets of the lobar plena are each provided with needle
valves and monitored via a clamp-on ultrasonic flow meter. For the steady flow cases, each lobar
flow rate is adjusted to match the ventilation ratios in Table I. The same valve settings are used
for the oscillatory cases, which results in close agreement (within a few percent) with the same
ratios at peak inhalation and peak exhalation. During the inversion phases (inhalation-exhalation
and exhalation-inhalation), the lobar flow distribution changes significantly due to the impedance of
the different segments in the bronchial tree, as we shall discuss in the Results section.

In the MRV measurements the model is lodged in a 20-channel head coil connected to a 3T
MRI scanner. Three-dimensional, three-component velocities are obtained on a Cartesian grid at
an isotropic resolution of 0.6 mm. Those are either time-averaged (steady cases) or phase-averaged
(oscillatory cases), as described in Refs. [12,27], where the acquisition and processing procedures
are detailed. The time-average nature of MRV precludes the observations of instantaneous flow
features and Reynolds stresses; these are influential for momentum transport, gas exchange, and
deposition of inhaled particles [42]. Therefore, this represents a limitation of the present approach.
We use encoding velocity Venc = 0.60 m/s for all cases at nominal Re = 1500, while we use
Venc = 0.75 m/s for the case at Re = 4500. Venc is kept the same in all three directions. The average
signal-to-noise ratio SNR = 43.6 and 46.8 for the steady and oscillatory cases, respectively. In
all cases, four scans are averaged to increase the signal-to-noise ratio, resulting in uncertainties of
5.5% (10.6%) of the bulk flow velocity (peak inhalation bulk velocity) at the trachea in the steady
(oscillatory) case. For the oscillatory case, the wave-form period corresponding to one breathing
cycle is divided into 15 phases, and a velocity field is reconstructed for each of them. The piston
pump generates a sinusoidal mass flow rate. The relatively high frequency, however, produces
a dynamic load on the plastic tubing connected to the model. The tube compliance produces a
dilatation of its diameter of approximately 1 mm over the ventilation cycle. This in turn causes a
deviation of the imposed flow rate, which only approximates a sine wave at the model inlet (Fig. 2).
Using completely rigid piping would prevent this effect; but this would not be feasible given the
several meters between the MRI scanner and the control room (where the pump is located to shield
it from the magnetic field). Past studies indicated that the precise shape of the wave form does not
have a qualitatively significant impact on the fluid dynamics (e.g., Ref. [26]), though some effect
was recently reported [43].

Table II summarizes the investigated cases in terms of nondimensional numbers. For a given
geometry, the Reynolds number is sufficient to characterize the steady cases. This is defined at
the trachea as Re = U0D0/ν, where D0 = 4A0/P0 is the hydraulic diameter (A0 and P0 being the
area and perimeter of the trachea cross section), U0 is the corresponding bulk velocity, and ν is the
kinematic viscosity. The considered trachea cross section is indicated in Fig. 1. Additionally, for the
oscillatory flow case, the ventilation frequency is characterized by the Womersley number Wo =
(D0/2)

√
ω/ν where ω is the angular frequency of the ventilation cycle. The other commonly used

parameter is the nondimensional stroke length 2L/D0 = Re/Wo2, thus Re and Wo are sufficient to
fully characterize the flow regime. The considered steady cases, Re = 1500 and 4500, correspond
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FIG. 2. Flow rate at the model inlet across the ventilation cycle, as measured by MRV.

to breathing air at about 20 and 60 L/min, respectively. The former corresponds to quiet breathing,
while the latter is relevant to light exertion or deep inhalation maneuvers. The Reynolds number
during steady exhalation, as measured by MRV, is less than 10% lower than in steady inhalation.
Significant changes in flow features are not expected due to such difference (also in light of the
inhalation results reported below over a much broader range of Re), therefore, in the following both
steady cases are nominally labeled as Re = 1500. In the oscillatory case, Wo = 12 corresponds to
a ventilation frequency of approximately 5 Hz in an adult, which is in the typical range of clinical
HFV applications (as opposed to approximately 0.3 Hz for normal breathing) [26].

In our experiments, we use dynamic similarity to match the physiological nondimensional
numbers. This allows us to change physical size and working fluid (in this case, from air to water)
as convenient for the MRV measurements; see, e.g., Refs. [20,21,33,34]. The model is scaled down
0.85: 1 from life size, so as to fit in the MRI head coil. The angular frequency imposed by the
oscillatory pump is ω = 0.7 rad/s.

III. RESULTS

A. Steady regimes

We begin by considering the evolution of the Reynolds number along the bronchial tree. This
is defined by the local hydraulic diameter and bulk velocity at each branch cross section. The
bulk velocity is the cross-sectional average of the axial velocity Uax. The latter is defined at each
voxel as the component parallel to the closest centerline segment, whose orientation is determined
via an automatic optimization procedure based on continuity [33]. In Fig. 3(a), we plot the

TABLE II. Reynolds and Womersley numbers for the investigated cases during steady and oscillatory
conditions. In the HFV case, the values corresponding to peak inhalation are reported.

Steady inhalation Steady exhalation High frequency ventilation

Re 1500; 4500 1370 1500
Wo 12
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FIG. 3. Reynolds number (a) and Womersley number (b) as a function of generation, for steady and
oscillatory cases, respectively. The black lines indicate the theoretical trends according to Eqs. (1) and (2),
respectively.

generation-averaged Re values. Here and in the following, error bars represent the standard deviation
among the various branches at each generation. In these and in following plots, the generation-
averaged quantities are measured along the central 50% of the length of each branch, avoiding the
influence of the bifurcation region. Moreover, one should keep in mind that in the expiratory case the
flow is from higher to lower generation numbers. The trend follows closely the theoretical behavior
expected in a symmetric dichotomous model where the flow rate splits equally between both sibling
branches:

Rei+1 = Rei/2h. (1)

Here the subscript indicates the generation number and h is the child-to-parent diameter ratio.
The latter is taken as h = 2−1/3 ≈ 0.79 according to the Hess-Murray law that minimizes viscous
dissipation [44–46]. We recently found that this value closely predicts actual anatomic proportions
in a cohort of 36 subjects, including the present one [33]. In the same study we also showed frequent
large asymmetries in the size of sibling branches. Yet, the simple estimate from Eq. (1) appears to
predict the trend reasonably well for all steady cases. The averaging, however, hides large local
differences between branches (as suggested by the significant standard deviations). These will be
discussed later. Similarly, the expected trend for the Womersley number in the oscillatory case is

Woi+1 = Woi/h. (2)

Figure 3(b) shows that this is closely reproduced by the measurements, reflecting the fact that
the mean diameters approximately follow the Hess-Murray law [33].

Figure 4 also provides information on the axial velocity distribution by displaying, for the
steady cases, isosurfaces of Uax = 0.6∗Uax,max (in blue; Uax,max is the maximum axial velocity in
the flow field) and Uax < 0 (in red). The former represents high momentum regions, which appear
to extend deeper in the lower lobes. The latter represents reverse flow region, as the fluid inside
those isosurfaces has negative axial velocity. Flow reversal is consequential for gas mixing, particle
transport, and mechanotransduction at the epithelium, and was documented for HFV regimes in
both idealized and realistic geometries [12,26,47]. Here, pockets of flow reversal appear also in
steady conditions, especially at the main bronchial bifurcation. While this is true for both inhalation
and exhalation, the position and extent of such pockets are different, and in general they are less
prevalent in exhalation. This is consistent with the expiratory velocity profiles being flatter, as
will be shown, and so less prone to separation than the inspiratory profiles. In inhalation, the
Reynolds number only weakly affects the shape and location of the reverse flow regions, although
it increases their size. Compared to the idealized cases, we see large differences in the reverse or
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FIG. 4. Isosurfaces of high velocity (Uax = 0.6∗Uax,max, red) and zero streamwise velocity (Uax = 0, blue)
along the airway tree for steady inhalation at (a) Re = 1500 and (b) Re = 4500, and (c) exhalation at Re =
1500.

slow flow regions: here they are located above the main bronchial bifurcation, whereas in idealized
bifurcations they are found along the external sides [27].

To characterize the profile of axial velocity, we use the momentum distortion parameter D [20],
which is a measure of the variation of Uax within each cross section:

D =
∫

A (Uax)2dA

Q2/A
− 1, (3)

where A is the cross-sectional area and Q is the local volumetric flow rate. D represents the relative
difference between the measured momentum flux and that of a plug flow carrying the same flow rate.
It is a measure of axial dispersion due to the mean flow, associated to the amount of longitudinal
strain experienced by the fluid at each cross section. In our previous study of an idealized case
using a similar methodology, we obtained values of D within 15% of the theoretical value of 0.33
in regions where the flow was expected to approximate a Poiseuille flow [27]. Figure 5(a) shows
its evolution of D along the airway tree for the different steady cases. In inhalation, it increases up
to the third generation, indicating that the flow velocity profiles become rapidly pointier, and then
slowly declines. The close similarity between cases at Re = 1500 and 4500 suggests that this trend
is not caused by a transition from turbulent to laminar flow along the tree. It is rather rooted in the
propagation of flow features across successive bifurcations, contributing to an increasing skewness
of the velocity profiles [27]. The behavior at higher generations is probably affected by the lack of
resolution in the smaller branches, where the near-wall fluid layers cannot be captured accurately,
and D is in general overestimated. In exhalation, D is generally lower, and it decreases along the flow
path. This is due to the exhalation flow profiles being flatter than in inhalation, as illustrated by axial
velocity contours in sample locations [Figs. 5(b)–5(d)]. (Here and in the following, the notation
Gi refers to the ith branching generation, the mother branch being the zeroth generation.) This
trend was noted also in studies focused on idealized geometries [5,12,13]. In turn the more uniform
cross-sectional distribution of momentum during exhalation is due to more intense secondary flows,
as shown below. The values of D are generally similar to those found in an idealized bifurcation by
Jalal and co-workers [12,27].

In order to quantify the secondary flows, which correlate with mixing in the airways [39], we
utilize the E parameter [20]:

E =
{∫

A [�u − (�u · n̂)n̂]2dA∫
A (�u · n̂)2dA

}1/2

. (4)
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FIG. 5. (a) D parameter at all generations for the different steady flow cases. (b) Two selected cross-sections
at G0 (the trachea) and G3, along which normalized axial velocity contours are shown [(c)–(f)].

It represents the relative strength of the secondary velocity compared to the streamwise compo-
nents over each cross section. We remark that the high-resolution simulations of Bernate et al. [48]
matched the inspiratory flow MRV measurements of Banko et al. [20] to within a few percent of the
local velocity values, and their values of the E parameters differed from the MRV-based values by
less than 15–20% for most considered cross sections. Figure 6(a) shows the evolution of E along
the branching generations for all steady cases. During inhalation, it increases sharply through the
first three generations and plateaus deeper in the bronchial tree, with a marginal effect of Re in the
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FIG. 6. (a) E parameter at all generations for the different steady flow regimes; (b) cross section with
normalized out-of-plane vorticity and in-plane velocity vectors at the location shown in (c) during steady
exhalation; (d) normalized secondary flow velocities averaged along G1 in the realistic and idealized [12]
models at steady inhalation and steady exhalation.
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considered range. Secondary flows persist deep in the tree, which is remarkable considering the
low values of the local Reynolds number and Dean numbers [20]. During exhalation, E follows a
similar trend across the bronchial tree but is significantly higher. This is consistent with the presence
of more intense secondary flows caused by the expiratory flow merging at the bronchial junctions
and generating more numerous and vigorous streamwise vortices compared to inhalation. At various
locations, typically downstream a junction, we recognize the pattern of multiple vortices generated
by the interaction of Dean vortices from merging branches; see the sample cross section in Figs. 6(b)
and 6(c). This is also found in simple bifurcations [13]. However, the secondary flows in this realistic
geometry are even stronger than in idealized bifurcations [12,27]. Figure 6(d) shows the normalized
secondary flow velocities Usec/U0 measured at the first bifurcation in steady inhalation and steady
exhalation, compared with the values at the corresponding location in the idealized model of Jalal
and co-workers [12,27]. Usec is the cross-sectional average of the secondary velocity component
(normal to Uax), and the vertical bars denote the range of variation between right and left bronchus.
The secondary flow levels are sizably higher in the realistic airways, especially during exhalation,
and the difference between inhalation and exhalation is greatly enhanced.

The increased strength of the secondary motions in the realistic versus idealized model is
attributed to a combination of factors related to the airway tree structure. First, compared to the
idealized model in Refs. [12,27], the realistic model has naturally curved airways that contribute to
strengthening the Dean-type vortices. Second, the average opening angle between sibling branches,
which is 60◦ in Refs. [12,27], here is larger. Van de Moortele et al. [30] analyzed the airway
morphometry of a cohort of subjects including the present one (with relatively small intersubject
variability) and found an opening angle of approximately 90◦ in the first three generations.
Third, unlike the model of Refs. [12,27], the bronchial bifurcations show significant nonplanarity
(average rotation angle of 54◦; see Ref. [33]). Comer et al. [49] compared planar and nonplanar
idealized models and showed much stronger secondary flows in the latter. Fourth, and perhaps most
importantly, the length-to-diameter ratio in the anatomically accurate model is significantly smaller
than the canonical value of 3.5: Van de Moortele et al. [33] reported values ranging from 1.5 to 3 in
the first five generations. A small airway length contributes to secondary flows propagating across
successive generations, counteracting the dissipation of streamwise vortices [27].

As mentioned, the generation-averaged plots, while capturing the ensemble picture, smear the
strong local flow variations. To illustrate the latter, in Fig. 7 we plot both D and E parameters along
sample paths during steady inhalation and steady exhalation. The normalized abscissa s/D0 runs
along the entire centerline, including the carinal region of the bifurcations. The selected paths in the
LUL and LLL are representative of the behavior in the other lobes. Although the global behavior
reflects what reported in Figs. 5 and 6, strong local variations are visible. The sharp peaks in the
D parameter coincide with the carinal regions, where the streamwise flow is highly nonuniform.
Concurrent peaks in the E parameter correspond to locally intense secondary motions, indicating
that these are also enhanced at the carinas.

Figure 8 displays spatial distributions of the normalized magnitude of axial and secondary
velocity in the entire bronchial tree (down to the resolved generations) under steady inhalation.
For illustration, the airway surface is color-coded by the magnitude of Uax/U0 and Usec/U0 at
the corresponding cross section. The resulting picture points to a strong heterogeneity of both
velocity components, beyond the trends indicated by generation averaging. While the axial velocity
globally decreases in further generations as expected, there are notable exceptions: there are regions
of relatively fast flow deep in the lower lobes, and sudden velocity increases or decreases. In
general, the distribution of axial velocity appears very heterogeneous. The spatial changes in
secondary velocities are even more abrupt, with sharp differences along bronchial pathways and
between sibling branches. The exhalation case shows qualitatively similar trends. Despite some
local difference, the Re = 1500 and 4500 cases appear overall similar, confirming that the steady
inspiratory topology changes only slightly within the considered range of flow rates.

063101-10



STEADY AND OSCILLATORY FLOW IN THE HUMAN …

FIG. 7. (b),(c) D parameter and (d),(e) E parameter plotted along (a) selected paths along the bronchial
tree for steady inhalation and steady exhalation.

B. Oscillatory regime

1. Streamwise velocity

We begin the study of the HFV regime by observing the distribution of the momentum within
the bronchial tree during the various phases of the ventilation cycle. In Fig. 9 we plot isosurfaces
of Uax corresponding to 50% of the maximum axial velocity magnitude at each phase, with
positive (red) and negative (blue) values associated to inhalation and exhalation, respectively. The
15 panels correspond to the phases resolved in the phase-averaged MRV, numbered according to
the abscissa of the plot in Fig. 2. In the exhalation-inhalation and inhalation-exhalation transitions
(phase φ = 0 and φ = π , respectively), regions of both positive and negative velocities coexist

FIG. 8. Normalized magnitude of axial and secondary velocities in the entire bronchial tree under steady
inhalation for (a) Re = 1500 and (b) Re = 4500.
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FIG. 9. Velocity isosurfaces for successive phases of the inhalation and exhalation cycle at Wo = 12. Red
and blue colors here indicate flow moving in the inspiratory and expiratory direction, respectively, at 50% of
the maximum axial velocity.

along the airway tree. Such counterflow regions were documented in both idealized and realistic
airway models [12,26,27,38,50]. At the beginning of inhalation (phases φ = 1

7π and φ = 2
7π ),

high-momentum fluid is found mostly in the trachea and the first two bronchial generations leading
to the upper lobes. At peak inhalation and during its deceleration part (phases φ = 4

7π to φ = 6
7π ),

the high-momentum region shifts towards the branches leading to the lower lobes. Similarly, at
the beginning of exhalation, the high momentum regions are prevalently located in the branches
leading to the upper lobes; while they are rather found in the lower lobes during the second part of
exhalation. The asynchronous behavior of the branches leading to upper and lower lobes, which is
specific to HFV, will be discussed in the next subsection.

Figure 10 illustrates counterflow regions at two locations along the trachea, during exhalation-
inhalation and inhalation-exhalation transitions. In the straight part of the trachea, the boundary
layer along the airway perimeter shows the inversion of flow direction due to phase lag, typical of
high-Wo regimes [51]. However, the noncanonical geometry breaks the anterior-posterior symmetry
and prevents this feature from clearly appearing in both the transitions phases. Close to the carina,
large pockets of reverse flow are observed along the lateral sides of the airway, adjacent to the
main bifurcation (hence expansion of the cross section and consequent acceleration or deceleration)
where the flow experiences strong streamwise pressure gradients. These features are qualitatively
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FIG. 10. (a) Locations of two tracheal cross sections taken, and corresponding contour plots of normalized
axial velocity during (b),(d) exhalation-inhalation inversion and (c),(e) inhalation-exhalation inversion.

similar to what was observed in the idealized symmetric model at similar Re and Wo [12]. We note
that the specific flow topology is expected to be influenced by the upper airways, which are not
included in the present model. The potential influence of those on the results is discussed in Sec. IV.

2. Asynchronous flow and pendelluft

The asynchronous behavior of the branches leading to upper and lower lobes is due to unequal
mechanical time constants between parallel lung units [52]. At physiological breathing frequencies,
the impedance of a bronchial segment is mostly a combination of resistance and compliance. On
the other hand, at higher breathing frequencies typical of HFV, the dominant factor becomes the
different response of air mass in parallel regions of the lungs to rapid pressure changes [53,54].
Assuming sibling branches have similar diameter, such responsiveness (or inertance) is roughly
proportional to the branch length. The upper lobes have visibly shorter branches, which results in
lower inertance, hence lower impedance. When an oscillatory ventilation is applied to a bifurcation,
the flow rate in the higher-impedance sibling branch will lag the inflow wave form in the parent
airway, whereas the lower-impedance branch will anticipate it [55]. This is seen in Fig. 9 and
confirmed by Fig. 11, where we plot the flow rate through a bifurcation splitting between LUL
and LLL.

The rigid airway replica cannot, by definition, account for the airway compliance. The latter,
however, has decreasing impact on the impedance for increasing ventilation frequencies, and
therefore can be neglected at the present Wo [54]. The resistance also plays a secondary role at
this regime. In our model the resistance is largely determined by the valve setting downstream
of the plena, which sets the boundary conditions at peak inhalation-exhalation to match the lobar
partition at steady state. If the resistance was a main determinant, then the branches leading to the
upper lobes (which receive lower flow rate than the lower lobes; see Table I) would be lagging.
Instead, the opposite is observed. This confirms that inertance, which is well captured by our model
reproducing the largest branches, dominates over resistance. In conclusion, the deficiencies of our
model in capturing the compliance and resistance of a real human bronchial tree, while affecting the
quantitative results, do not affect the main conclusions.

The asynchronous flow rate typical of HFV is often reported to cause transfer of mass between
adjacent airway segments, also known as pendelluft [52,54]. While generally believed to be a crucial
mechanism for gas exchange in HFV, pendelluft was rarely observed in simulations of realistic
airway trees, and evidence from experimental measurements has been limited to idealized models
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FIG. 11. (a) Selected lobes at G2 to highlight (b) the phase lag of axial velocity during the ventilation cycle.

[15,43,50,56–58]. The velocity fields in Fig. 9 suggest that pendelluft is indeed happening around
the exhalation-inhalation and exhalation-inhalation transition, with sibling branches simultaneously
experiencing opposite flow directions. The specific locations are highlighted in Figs. 12(a) and
12(b), which however only demonstrate “instantaneous” flow patterns.

To verify whether fluid elements are actually transported between sibling branches, a Lagrangian
analysis is needed. We therefore leverage the method developed and validated in Ref. [49] to track
particles using 3D Eulerian velocity fields. In those studies, the focus was on inertial particles
advected by a steady flow; here the approach is applied to massless particles (i.e., tracers) in a
time-dependent flow field. The time marching is based on the standard fourth-order Runge-Kutta
method in which the time step is specified to keep the particles’ displacements within a fraction
of the measurement voxel. At each time step, velocity of each particle is updated using a 4D
linear interpolation with respect to the structured grid. For further details on the methodology
and validation against optical particle tracking, the reader is referred to Ref. [59]. The underlying
assumption of the method is that instantaneous velocity fluctuations not captured by MRV have
minor impact on the particle trajectories, which is reasonable in the present regime. Figures 12(c)
and 12(d) show sample Lagrangian trajectories color-coded according to the phase in the ventilation
cycle. The tracers are released from the trachea at peak inhalation. After penetrating into a
daughter branch, some tracers do switch to the other sibling branch, providing a direct observation
of pendelluft in a realistic airway geometry. Similar paths (not shown) are observed at other
locations. Quantifying the relative amount of exchanged fluid at multiple locations would require
the integration of a large number of trajectories and is beyond the scope of the present work.

3. Secondary flows

Secondary flows are crucial in the HFV regimes, as they are responsible for lateral dispersion
and contribute to strong mixing [60], especially in the transition phases where the streamwise
bulk velocity is small. In Fig. 13 we present the normalized secondary velocity Usec/U0 in the
main bronchi (averaged over the branch length) during the ventilation cycle. Steady inhalation and
steady exhalation levels are also indicated. We focus on the main bronchi (i.e., the first generation
of branches) as this allows for a direct comparison with measurements in the idealized model at
a similar regime [12]; other branches in the early generations show similar trends. During the
inhalation phase, the secondary flows in both main bronchi are relatively constant and comparable
in strength to the steady inspiratory case. During exhalation, the secondary flows quickly grows
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FIG. 12. Asynchronous flow at (a) exhalation-inhalation inversion and (b) inhalation-exhalation inversion;
(c),(d) sample Lagrangian trajectories color-coded according to the temporal abscissa t along the ventilation
cycle of period T .

in intensity up to a maximum around peak exhalation. The growth is associated to the streamwise
vortices merging from the deeper airways into the main bronchi, as we shall discuss. The expiratory
secondary flows during HFV reach levels about 50% higher than during inhalation, and comparable
to the steady exhalation levels. The secondary motions during both inhalation and exhalation phases
are substantially higher than in the idealized case [reported in Fig. 13(b) for comparison], in
proportions similar to the steady cases [see Fig. 6(d)]. The reasons are expected to be the same as
those behind the secondary flow enhancement in the realistic vs ideal steady case: which is that the
realistic bronchi display stronger curvature, larger opening angles, nonplanarity of the bifurcation,
and shorter length-to-diameter ratio.

Figure 14 illustrates the secondary flow structures along sample cross sections in the main
bronchi, at peak inhalation and peak exhalation. To highlight the streamwise vortices, we use the
vortex identifier �2 [61], a scalar quantity defined at any point P [54]:

�2(P) = 1

N

N∑
i=1

[PM × (UM − ŨP )] · zP

‖PM‖ · ‖UM − ŨP‖ dA, (5)

where dA is the area of the interrogation window centered on P, N is the number of points M
inside the window, and zP is the unit vector normal to the measurement plane. UM is the velocity
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FIG. 13. (a) Location of right and left main bronchi (G1) highlighted; (b) normalized secondary velocities
averaged along the main bronchi for realistic and idealized [12] airway models. For both cases, the peak
Reynolds number and Womersley number are Re = 1500 and Wo = 12, respectively.

vector evaluated at each point M, PM is the vector from P to M and ŨP = 1
N

∑N
i=1 U dA is the

local convection velocity around P. We choose the radius of interrogation to be 2 voxels (as
in Refs. [12,27]). �2 has the same sign as the local out-of-plane vorticity but is more effective
at locating rotation-dominated over shear-dominated regions. The flow topology is characterized
by multiple vortices, with the expiratory phase showing more numerous vortex cores than the
inspiratory phase. This is partly due to the merging of the flow from sibling branches. It is important
to note, however, that the mechanisms behind the formation of secondary flows are different and
more complex than the steady cases, especially given the relatively large Wo. As recently reviewed
and documented in Refs. [62,63], secondary flows in curved ducts under oscillatory regimes are
characterized by multiple types of vortical structures, well beyond the Dean vortices found in the
steady case. The latter are driven by the imbalance between centrifugal forces and adverse pressure
gradients (see Ref. [27] for a detailed description relevant to idealized airway bifurcations). In
oscillatory flows other mechanisms become important, due to the rapid acceleration and deceleration

FIG. 14. (a) Locations of selected cross-sections at the main bronchi in HFV conditions; cross sections of
�2 at (b),(c) peak inhalation and (d),(e) peak exhalation, compared with (f),(g) steady inhalation and (h),(i)
steady exhalation.
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FIG. 15. (a) Isosurfaces of positive-negative drift velocity UD taken at 30% of the maximum velocity in the
domain; (b) contour plots of drift velocity along selected cross sections at the trachea and at the main bronchi.

and give rise to vortices with different location, shape, and sense of rotation compared to the
Dean mechanism [62,63]. The formation and topology of the vortex pattern is well known only
in idealized (and nonbifurcating) vessels, which might not be directly applicable the present case.
Thus, the specific description is outside the scope of the present study. However, it is clear that
unsteady effects are key to determine the flow topology in the present regime, although the Usec/U0

levels are comparable to the steady cases.

4. Steady streaming

It has long been theorized that the asymmetry between the inspiratory and expiratory flow
profiles, and the consequent net drift during each respiration cycle (UD, the cycle average of
the streamwise velocity Uax) crucially contributes to the efficient gas exchange in HFV [64–66].
Yet this mechanism, often termed steady streaming, has rarely been documented beyond the
mere observation of the asymmetry in the flow profiles [58]. We stress that steady streaming in
respiratory flows takes place in very different regimes compared to other fields, such as acoustics,
in which the phenomenon can often be modeled as weakly nonlinear. Weak nonlinearity relies
on the assumption of small-amplitude oscillations, i.e., U0/(ωD) ∼ Re/Wo2 	 1 [67], while in
the bronchial tree (e.g., in the present case) Re/Wo2 = O(10) [14,26]. Thus, simple scaling
arguments cannot be applied to predict the magnitude of the streaming velocity. The geometric
complexity of the successively bifurcating tree further complicates theoretical predictions: the
effect of branch curvature and tapering are superimposed, and the analytical approaches used for
both cannot be easily combined [6,68,69]. Experimental or numerical studies are therefore needed;
the characterization of the 3D drift velocity in realistic airways, however, has not been achieved
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FIG. 16. Magnitude of UD, (i.e., the cross-section average of its absolute value) normalized by the tracheal
bulk velocity U0, evaluated along two selected bronchial pathways. Both paths start from the trachea (G0);
one follows the right main bronchus (G1 right) and continues in the second generation in the right upper lobe
(G2 RUL); the other follows the left main bronchus (G1 left) and continues in the second generation in the
left lower lobe (G2 LLL). For comparison, the magnitude of UD for the idealized model in Ref. [12] is also
reported.

experimentally before. Peattie and Schwarz [70] measured the streaming (or drift) velocity UD, i.e.,
the cycle average of the streamwise velocity, but they used pointwise velocimetry and could only
report on a few linear profiles in a single idealized bifurcation. Bauer and Brucker [50] performed
numerical simulations in a more complex and realistic airway tree and could map the full UD field.
They found, however, minimal correlation between steady streaming and ventilation frequency.
Jalal et al. [12] measured the drift velocity in an idealized model and found its magnitude to be
relatively weak and anticorrelated with the ventilation frequency. They explained this finding with
the tendency of the flow profiles to be flatter (hence less asymmetric) with increasing Wo. Still, the
highly idealized nature of that geometry may have influenced those quantitative results.

With the available 3D and phase-resolved velocity measurements, we carry out an experimental
evaluation of steady streaming in realistic airways. As in Ref. [12] we calculate the UD volumetric
field by cycle-averaging Uax at each spatial location. UD is taken as positive (negative) when directed
in inspiratory (expiratory) direction. Figure 15 displays isosurfaces of positive or negative UD

at 30% of the maximum velocity in the domain, as well as contour plots along selected cross
sections at the trachea and the main bronchi. Inspiratory drift is prevalent on the anterior side of
the main bifurcation, whereas expiratory drift is found on its posterior side. The complex pattern
in the main and secondary bifurcations challenges the common view of inspiratory-expiratory drift
being located along the internal or external sides of bifurcations [12,64,65]. Clearly the realism and
complexity of the tree geometry heavily impacts the streaming flow topology.

In Fig. 16 we plot the magnitude of UD (i.e., the cross-section average of its absolute value) versus
the centerline abscissa, for two different pathways through both main bronchi. For comparison,
we also plot the corresponding values calculated with the data from Jalal et al. [12] in their
two-generation idealized model at similar Re and Wo. Despite the above-mentioned topological
differences, the amount of drift and its streamwise evolution is comparable in both the realistic
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and idealized cases. An important consideration concerns the contribution of steady streaming
to the overall transport. The bulk velocity in each branch is expected to drop by a factor 2h2 at
each further generation. Thus, we expect (and the measurements confirm) a bulk velocity at peak
inhalation-exhalation around U0/(2h2) ≈ 0.8U0 in the first generation and U0/(4h4) ≈ 0.6U0 in
the second generation. From the magnitude of UD in Fig. 16, we conclude that steady streaming
under the present HFV conditions is much smaller than but not altogether negligible compared
to the advective flow. Interestingly, its magnitude does not appear to decrease significantly along
the bronchial tree, although the measurement region does not extend deep enough to draw a firm
conclusion. Future studies shall clarify how (and whether) steady streaming is correlated with the
ventilation frequency in similarly realistic airway trees.

IV. CONCLUSIONS

We have investigated experimentally the three-dimensional flow field in an anatomically accurate
replica of the human bronchial tree under various respiratory regimes, imposing physiological and
subject-specific boundary conditions. The results are compared with recent studies in a planar
double bifurcation of similar proportions. The comparison between cases with different tracheal Re
(nominally laminar versus fully turbulent) indicate that the mean flow topology is not significantly
affected by the transition to turbulence. In steady exhalation, the secondary motions produced
by merging of sibling airways are stronger than those associated to bronchial branching during
inhalation. As a result, the expiratory velocity profiles are flatter and the axial dispersion is weaker
than their inspiratory counterparts, while the lateral dispersion is more intense. Importantly, these
differences between inhalation and exhalation are much larger than previously observed in idealized
models. Another noteworthy feature of the flow in the realistic model is the strong heterogeneity.
Beyond general trends found in a generation-by-generation analysis, the spatial distribution of axial
and lateral velocity is remarkably spotty, especially in the carinal regions. Pockets of slow and even
reverse flows are found in the earlier generations, and regions of relatively high velocity can be
found deep in the bronchial tree.

Oscillatory flow measurements are carried out at HFV regime and reveal regions of flow reversal
during the inhalation-exhalation and exhalation-inhalation transitions. The different impedance
(dominated by the inertance) of the various bronchial pathways results in the asynchronous
ventilation between the lower and upper lobes. In turn, this leads to pendelluft, which is indicated
by Eulerian flow fields and directly demonstrated using Lagrangian path lines. The secondary flow
strength at peak inhalation and peak exhalation is similar to that in the corresponding steady cases,
although the streamwise vortex pattern can be significantly different, especially for exhalation.
The volumetric field of cycle-averaged drifting velocity (so-called steady streaming) is visibly
different from the picture gained in idealized airway models: inspiratory-expiratory drift is not
strictly associated to the inner or outer side of the bronchial bifurcation, with substantial front-back
asymmetry. Contrary to the view that steady streaming is a key transport mechanism in HFV, the
drift velocity magnitude appears much smaller than the advective flow, although not altogether
negligible and sustained along the first few generations.

This study has several limitations, which however do not detract from its value. For example, the
present airway model (as most available CT chest scans) does not include the upper airways. Those
are expected to affect the flow in the central airway [32,71], although the intersubject differences
observed in the extra-thoracic airways were recently found to largely vanish by the first bifurcation
[72]. In particular, the upper airways are inconsequential in several HFV settings, since ventilation
is often performed via tracheal tube (e.g., Bauer et al. [16]). Additionally, when analyzing the
features of a subject-specific model, one cannot capture the variance found in the general population.
However, as the considered case is a representative sample of a cohort of 36 subjects displaying
consistent airway morphometry [33], the results are believed to have sufficient generality to provide
valuable insight.
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