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Abstract
To determine the impact of mechanical heterogeneity on the distribution of regional flows and
pressures in the injured lung, we developed an anatomic model of the canine lung comprised of an
asymmetric branching airway network which can be stored as binary tree data structure. The entire
tree can be traversed using a recursive flow divider algorithm, allowing for efficient computation
of acinar flow and pressure distributions in a mechanically heterogeneous lung. These
distributions were found to be highly dependent on ventilation frequency and the heterogeneity of
tissue elastances, reflecting the preferential distribution of ventilation to areas of lower regional
impedance.
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INTRODUCTION
Acute Lung Injury (ALI) is a syndrome characterized by the rapid onset of hypoxia and
respiratory failure associated with noncardiogenic pulmonary edema, heterogeneous
alterations in intrinsic tissue elastance, and atelectasis [1]. Histopathological findings reveal
a very heterogeneous inflammatory disruption of alveolar epithelium and transudation of
fluid into the air spaces [1]. While endotracheal intubation and mechanical ventilation is the
current mainstay of treatment, the heterogeneous mechanical alterations associated with ALI
result in a maldistribution of ventilation. In the injured lung, more compliant regions become
overventilated and subjected to overdistention [2], while more stiff and flooded regions
become underventilated and are at risk for derecruitment [3]. This maldistribution of
ventilation results in further inflammation and edema which can worsen the existing injury,
especially if high tidal volumes and low end expiratory pressures are used [4]. Protective
ventilation strategies relying on low tidal volumes and appropriate positive end-expiratory
pressures (PEEPs) can improve mortality in patients with ALI, presumably by recruiting
collapsed alveoli, minimizing parenchymal overdistension, and optimizing ventilation
distribution [5].
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While it has been assumed that the heterogeneous nature of ALI results in maldistribution of
ventilation [6], there is little quantitative information as to how flow or pressure may be
distributed in this syndrome [7]. The geometry of the airway tree, along with the physical
dimensions and properties of its numerous component airway segments and acini, govern
how flow is distributed throughout the lung. Given the tremendous structural complexity of
this organ, any accurate simulation of ventilation distribution poses a unique and challenging
computational problem. For example, many models of the mammalian lung consist of
airway segments numbering in the hundreds of thousands [8–11]. Therefore, the goal of this
study was to develop a computational data structure to allow for the optimal storage and
easy manipulation of the many physical properties associated with individual airway
segments in a complex branching network, as well as the efficient determination of
pulmonary ventilation distribution using a novel recursive flow-divider algorithm. By
further refining the model to account for variable mechanical properties associated with
heterogeneous lung injury [12], the model may provide a platform for understanding and
optimization of mechanical ventilation protocols in individual patients.

METHODS
Model Overview

The structure of the model was based on the 47-order, asymmetric binary tree cast of the
canine lung described by Horsfield et al. [8]. It consists of 300,153 cylindrical airway
segments, including 150,077 terminal bronchioles with subtending acini. Each airway
segment is assigned a specific order m, denoting its unique cylindrical length and diameter.
By the nomenclature of Horsfield et al., the sequential ordering starts at the very terminal
bronchioles with m = 2, and converges to the highest order at the trachea with m = 47. The
acini are assigned order m = 1. Each airway order is assigned a unique cylindrical length lm
and radius rm, as well as a recursion index Δm to account for branching asymmetry. This Δm
is defined as the difference between the orders of its two subtending daughter branches [8].

In our model, each airway segment of order m is also characterized by a complex oscillatory
longitudinal impedance Zseg,m, which incorporates pressure drops associated with viscous
flow losses and frequency-dependent velocity profile distortion based on the analysis of
Thurston [13]:

(1)

Here j is the unit imaginary number, ω is the angular frequency, ρair is air density (1.41 ×
10−4 cm H2O s2 dm−2), J0 and J1 are complex Bessel functions of orders 0 and 1,
respectively, and αm is the so-called Womersley parameter [14], defined as:

(2)

with μair being the viscosity of air (1.863 × 10−7 cm H2O s).

To account for flow losses within each airway segment due to viscoelastic wall distention
and gas compression, each Zseg,m is partitioned into two equal halves (Figure 1) by a parallel
shunt impedance Zshu,m:
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(3)

where Fc,m is the fractional cartilage content in the wall of an airway segment of order m
[15]. The wall resistance (R), inertance (I), and compliance (C) parameters are denoted by
subscripts to indicate soft tissue (s) and cartilaginous (c) components, respectively [12]. The
Cg,m parameter represents the compliance due to the isothermal compression of the gas
volume contained within each cylindrical airway segment:

(4)

with Patm being the ambient pressure at sea level (1033 cm H2O).

Each of the 150,077 terminal bronchioles is subtended by a unique acinar unit, the
fundamental gas exchanging structure of the lung. Each discrete acinus, indexed by n,
consists of a viscoelastic tissue element in parallel with a gas compression compliance, the
mechanical impedance of which is given by:

(5)

where Hn is tissue elastance, η is tissue hysteresivity [16, 17], α= (2/π) tan−1(1/η), and Cg,n
is the gas compression compliance given by:

(6)

The VFRC is the total lung volume at functional residual capacity, and N is the total number
of acini in the model.

Given Horsfield’s model structure, the total flow impedance looking into an arbitrary airway
segment of order m (Ztot,m) can be computed by appropriate serial and parallel additions of
its associated longitudinal and shunt impedances (Figure 1) according to the formula:

(7)

As a recursive relationship, Equation 7 can be invoked continuously until a terminal
bronchiole is reached, at which point the total impedance looking into a terminal airway
segment (of order m = 2) is given by:

(8)
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Computing Ventilation Distribution
As the volume of inspired air descends from the trachea to the level of the terminal acini, it
divides at each bifurcation in the airway tree. According to Figure 1-A, a portion of the flow
entering any airway segment will be lost due to gas compression and airway wall distention
[10]. This shunt flow loss, V̇shu,m, will depend on the longitudinal airway segment
impedance Zseg,m, the segment shunt impedance Zshu,m, and the total downstream
impedances looking into each of the two daughter branches, Ztot,m−1 and Ztot,m−1−Δm:

(9)

where V̇in,m denotes the flow entering the segment of order m. The V̇shu,m can further be
partitioned into components corresponding to airway wall distention (V̇w,m), as well as the
compression of gas contained within the airway segment (V̇Cg,m):

(10)

(11)

Thus, the flow leaving the airway segment, V̇out,m, will be given by:

(12)

At any bifurcation in the airway tree, the subtending daughter impedances Ztot,m−1 and
Ztot,m−1−Δm will determine flow partitioning:

(13)

(14)

where V̇in,m−1 and V̇in,m−1−Δm are the flows entering the daughter branches of orders m−1
and m−1−Δm, respectively.

At the level of the terminal bronchioles (Figure 1-B), the flow lost to gas compression and
wall distention within any order 2 airway segment is given by:

(15)

Thus the flow leaving an order 2 segment and entering an acinus is given by:
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(16)

which will be partitioned between parenchymal tissue distension (V̇ti,n) and acinar gas
compression(V̇Cg,n):

(17)

(18)

Finally, the distending pressure at any acinus can be obtained as:

(19)

Data Structure
For the purposes of computing the global mechanics of a heterogeneous lung model, the
total impedance looking into the tracheal opening (ZL) can be obtained using simple
recursive function calls according to Equations 7 and 8, and thus does not require any
additional data storage in memory beyond the lengths, radii, and recursion indices associated
with a particular airway segment order [12]. All airway segment impedances can be
computed as needed according to Equations 1 and 3, and acinar impedances with
stochastically variable elastances can be determined with simple random number draws.
However the subsequent computation of flow and pressure distributions throughout such an
asymmetric branching network, with heterogeneously distributed airway or tissue
impedances, requires that the exact model structure be explicitly defined and stored in
computer random access memory, such that flow partitioning can be performed according to
Equations 9 – 18. For this, we developed a binary tree data structure consisting of multiple
nodes representing specific airway segments. Each node in the tree consists of a data record
to store the order of its corresponding airway segment, the value of the total impedance
looking into this segment, as well as two pointers linking itself to two daughter nodes
(Figure 2). Any node corresponding to a terminal bronchiole (i.e., m = 2) points only to its
unique acinar structure [8].

Each of the 300,153 nodes in our tree is assigned using a unique key identifier, the value of
which is determined according to a recursive algorithm. Assuming an arbitrary airway
segment of order m is assigned a key value km, the keys corresponding to its m−1 and m
−1−Δm daughter nodes are computed as:

(20)

(21)

Figure 3 shows the assigned key values for a portion of an example M = 8 generation tree,
assuming Δm = 1 for all orders. To start the algorithm, the root node in this case is assigned
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key value 27 = 128, while its left and right daughter branches are assigned key values
128−27−1=64 and 128+27−1−1=160, respectively, according to Equations 20 and 21.

Simulations
All simulations were performed assuming a 25 kg dog with VFRC = 40 ml kg−1. The airway
segment lengths, diameters, recursion indices, and wall properties (with appropriate
cartilaginous and soft tissue distributions) for each order were assigned as previously
described [8, 12, 15, 18]. To mimic the diffuse mechanical heterogeneity of the acutely
injured lung [7], we allowed the value of each acinar tissue elastance Hn to vary
stochastically according to a uniform probability distribution function, with Hmin and Hmax
denoting its upper and lower bounds, respectively [12]. Four different physiologic/
pathologic conditions were simulated by appropriate selections of Hmin and Hmax. All
conditions assumed a fixed value of Hmin = 20N cm H2O L−1, but the value of Hmax was
varied to correspond to a completely healthy canine lung with homogeneous tissues, a
canine lung with mild tissue heterogeneity, as well as moderate and severe lung injury
(Table 1). The hysteresivity parameter η for each acinus (Equation 5) was assumed to have a
constant value of 0.2 independent of Hn, in accordance with the structural damping
hypothesis [16]. Input impedance at the trachea, as well as acinar flow and pressure
distributions, were computed for discrete, sinusoidal flow forcings at frequencies of 0.01,
0.10, 0.33, 1.0, 3.0, 10, 20, 33, 50, and 100 Hz. This frequency range, which is inclusive of
rates corresponding to conventional ventilation [19] as well as high frequency oscillation
[20], was chosen for its sensitivity to the effects of heterogeneous airway and tissue
properties [7, 10, 12, 21]. For each condition, we also computed the flow and pressure
distributions at the lung resonant frequencies (fr) as determined from the zero crossings in
the reactive component of ZL [12].

Recursive computational algorithms for generating the airway tree, computing and storing
input impedances, and determining flow divisions were performed using a standard preorder
traversal sequence [22]. The algorithms were written and executed using MATLAB v7.0
(The Mathworks, Natick, MA) and the Data Structures and Algorithms Toolbox (available
online at http://code.google.com/p/pointer/). Flow division was determined at every node in
the tree according to Equations 9, 12, 13, and 14. Total computation time for each
simulation was approximately one hour on a Dell desktop computer with an Intel Pentium®
4 processor operating at 2.80 GHz with 2.99 GB RAM. As all impedances within the tree
were complex values with both real and imaginary components, all flows and pressures were
also complex quantities. However, we expressed these in polar coordinates (i.e., amplitudes
and phases) for the purposes of our analyses.

To quantify the total flow lost to gas compression and airway wall distention as functions of
frequency and disease condition, the shunt flows at each node were partitioned according to
Equations 10, 11, and 18. At the very terminal nodes, we determined the portion of flow
available for useful acinar ventilation according to Equation 17. The complex components of
these flows were then summed and normalized by the corresponding input tracheal flow to
yield the net acinar flow, net gas compression flow, and net airway wall distention flow.

To further quantify the heterogeneity of ventilation distribution, we examined the amplitude
and phase histograms of acinar flows and pressures for each disease condition. Acinar flow
amplitudes were normalized relative to what those values would be for a perfectly
symmetric, homogeneous lung with rigid airway walls and no gas compression [10], while
the pressure amplitudes were normalized relative to tracheal pressure. The phases for both
acinar flows and pressures were normalized relative to the corresponding tracheal phase,
constrained to be within ±180°. Bin sizes for the normalized flow and pressure amplitudes
were 0.025 and 0.005, respectively, and 1 degree for the phases.
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RESULTS
Figure 4 shows the mechanical impedance spectra as observed from the trachea (i.e., whole
lung impedance, ZL) for the four different pathologic conditions of Table 1. This ZL is
expressed as lung resistance (RL), reactance (XL), and elastance (EL = −2πfXL). Since the
inertia of gas in the central airways begins to influence XL for frequencies above 1 Hz, EL is
plotted only for frequencies between 0.01 and 1.0 Hz. Regardless of disease condition RL
decreased with increasing frequency from 0.01 to 10 Hz, but increased as frequency
increased above 10 Hz. The EL exhibited a positive dependence on frequency over the
observed range of 0.01 to 1.0 Hz. Consistent with experimental studies of canine lung injury
[7], we also observed that both RL and EL increased at each frequency with increasing acinar
heterogeneity (i.e., disease severity). The corresponding resonant frequencies, as determined
from the zero crossings of XL, increased with disease severity (Table 2).

Figure 5 shows the effect of frequency on the relative magnitudes and phases of the net
acinar tissue flow (Equation 17), net gas compression flow (Equations 11 and 18), and net
airway wall distension flow (Equation 10) for the four different pathologic conditions.
Regardless of frequency, increasing lung tissue heterogeneity corresponded to decreases in
the magnitude of net acinar tissue flow, but increases in gas compression and airway wall
distention flows. Moreover, these net flows became increasingly out of phase with the
tracheal flow as frequency increased above 10 Hz.

Figure 6 shows the distribution of normalized acinar flow amplitudes and phases for each of
the four simulated pathologic conditions. For clarity, histograms are shown only for
frequencies of 1.0, 10, 20, 50, and 100 Hz, as we observed minimal differences in the shapes
of the distributions between 0.01 to 1.0 Hz. Moreover, the flow distributions at the resonant
frequencies for each condition were indistinguishable from those at 10 Hz. The distribution
of acinar flow magnitudes widened as ventilation frequency increased. The shape of these
acinar flow distributions tended to become more hyperbolic as the severity of the simulated
injury increased. In general, the widening of these flow distributions indicated considerably
more regions of under- and over-ventilation with increasing tissue heterogeneity and disease
severity, as determined from the number of acini receiving normalized flows below or above
1, respectively. Similarly for each condition, the distribution of phases also widened with
increasing frequency, with the most acini demonstrating tremendous ventilation asynchrony
at 20 Hz. However, the spread of the phases at a given frequency generally decreased with
increasing tissue heterogeneity.

Figure 7 shows the distribution of acinar pressures for the four conditions at the same five
frequencies from Figure 6, as well as the resonant frequency (Table 2). At frequencies of 1
Hz or lower, acinar pressures demonstrated minimal differences in amplitudes and phases
compared to tracheal pressure, regardless of disease condition. However at the resonant
frequency, the distribution widths increased for both pressure amplitudes and phases. The
acinar pressures also exhibited amplification relative to tracheal pressure at the resonant
frequency, and the corresponding phase distributions were centered around −90°. Moreover,
the degree of amplification increased with increasing disease severity. At 10 Hz, the
distribution of acinar pressure amplitudes were lower compared to tracheal pressure for the
two healthy conditions, but were amplified for severe injury. At 20 Hz and above, the acinar
pressure amplitudes became progressively more attenuated, and the corresponding phase
distributions ranged mostly from 0° to 180°.

Colletti et al. Page 7

Comput Biol Med. Author manuscript; available in PMC 2012 October 1.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



DISCUSSION
In this study, we present the use of a data structure for the efficient computer memory
storage of a complex biological tree, as well as the computation of oscillatory flows and
pressures throughout a heterogeneous mammalian lung. In our model structure, we adopted
the asymmetric canine airway network of Horsfield et al. [8], which orders the bronchial tree
starting from the terminal tissue elements (order 1) up to the trachea (order 47). In this
model, any two subtending daughter branches sharing the parent branch may be of different
orders, as defined by the recursion index Δm. Horsfield et al. originally assigned specific
diameters, lengths, and recursion indices to each order [8], assuming that airway segment
dimensions for any given order were identical (i.e., self-consistent). Such an arrangement
allows for efficient calculations of impedance and ventilation distribution along just one
pathway, connecting a single acinus to the trachea, since the mechanical properties of the
subtree looking into any specified node will be identical to that of all other nodes with the
same order. Thus this model has seen much use for the calculation of physiologic variables
such as input impedance [15], acoustic transmission [9], as well as flow and pressure
distributions [23, 24].

However when structural or functional heterogeneities are imposed on the model, such as
variable alterations in airway dimensions [18] or parenchymal elastances [12], the
computational efficiency arising from the self-similarity of the airway tree is lost. Thus any
forward model simulation of ventilation distribution in a mechanically heterogeneous lung
requires that the tree by explicitly defined and stored in computer memory [25]. Our
approach was to develop a data structure based on a binary tree that would allow for easy
access to the local mechanical properties and efficient flow partitioning at every node in a
heterogeneous tree using a recursive preorder tree traversal sequence [22]. This has
particular relevance to simulating ventilation distribution in the acutely injured lung, which
often exhibits heterogeneous mechanical properties [7, 26] and is predisposed to ventilator-
associated lung injury due to parenchymal overdistention and atelectrauma [27, 28]. While
this approach differs from other computational modeling techniques based on imaging data
[11, 29, 30], we believe a binary tree is an ideal data structure for the recursive, complex
arithmetic operations associated with oscillatory flow and pressure divisions in such a
hierarchical network.

Similar to a previous modeling study from our group [12], we constructed an injured canine
lung by allowing for stochastic variations acinar tissue elastances that could mimic the
alterations observed in whole-lung mechanical impedance measurements [7]. However for
simplicity, we assumed that the values of these acinar elastances were uniformly distributed
over ranges bounded by Hmin and Hmax. Our model reproduces typical impedance spectra
observed experimentally in both healthy and injured canine lungs (Figure 4), including the
enhanced negative frequency dependence in RL for frequencies below 10 Hz due to the
combined effects of viscoelasticity and parallel time constant heterogeneity [31]. Our
simulations also reproduce the positive frequency dependence of RL between 10 to 100 Hz,
which in canine lungs may arise from the known antiresonance between tissue inertia
(Equation 3) and gas compression compliance (Equations 4 and 6) [32]. As expected, total
lung elastance EL demonstrated a positive dependence on frequency due to viscoelasticity
[33]. However the values of EL at each frequency increased with disease severity, since the
effective (or average) lung tissue elastance increased with the value Hmax [12]. Such
increases in EL also contribute to increased resonant frequency fr with disease severity, since

, with IL being the effective lung inertance [34].

As expected, our data demonstrate that the net flow lost to gas compression and airway wall
distention increases with: 1) disease severity, as parenchymal stiffness increases; and 2)
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ventilator frequency, as the shunt impedances offered by the airway walls and gas contained
within the lung decrease. This results in net decreases in the flow delivered to the acini.
Indeed for our severe lung injury condition, only 60–80% of the flow at the airway opening
may be available for useful gas exchange, depending on frequency (Figure 5). More
importantly, our simulations highlight the important relationships between ventilation
frequency and the heterogeneity of parenchymal stiffness on the distribution and synchrony
of acinar ventilation. These relationships indicate that for a specified level of parenchymal
heterogeneity, the distribution of acinar flow becomes more heterogeneous and
asynchronous as ventilation frequency increases, especially over ranges typically used in
high frequency oscillation (Figure 6). Increases in the width of the flow amplitude
distribution implies that more regions of the lung are subjected to under-ventilation and poor
gas exchange, as well as over-ventilation with potential for volutrauma [10]. This is
consistent with the notion that ventilation will be partitioned preferentially to areas of the
lung with lower regional impedances, while being decreased to areas of higher impedance.

However, increases in the width of the acinar phase distribution implies enhanced pendelluft
and interregional gas mixing [35], which may be an important mechanism for gas exchange
during high frequency, low amplitude ventilation [36]. Indeed, our simulations are both
qualitatively and quantitatively similar to the results reported by Lehr et al. using
stroboscopic photography of pleural surface motion in excised dog lungs during flow
oscillations from 1 to 30 Hz [35]. While they speculated that such asynchronous flows can
arise from parenchymal wave phenomena [37], our model does not incorporate any
mechanisms for wave transmission through a viscoelastic solid. Thus any heterogeneity in
the distribution of flow amplitudes and phases we observed must be attributed to variations
in regional time constants. Certainly for our healthy, homogeneous condition, such time
constant variations arise from the distribution of pathlengths from trachea to acini [9]. In the
heterogeneously injured lung, we observed increases in the widths of the flow amplitude
distributions for any given frequency with increasing parenchymal tissue heterogeneity.
However the observed phase distributions at a given frequency tended to become more
narrow as the level of simulated injury increased. This may seem counterintuitive, but we
point out that for our simulations, increasing disease severity also corresponded to an
increase in average acinar elastance (i.e., (Hmin+Hmax)/2 in our model). Such an increase in
effective tissue stiffness can make ventilation distribution more synchronous, as has been
demonstrated experimentally by other investigators using alveolar capsules in different
species [38–40].

Our analysis follows a previous modeling study by Gillis and Lutchen [10], who predicted
ventilation distribution from 0.1 to 5 Hz during heterogeneous bronchoconstriction in an
asymmetrically branching model of the human lung [24]. Similar to our present study, they
determined that flow distribution may become uneven in obstructive lung diseases such as
asthma, with implication for parenchymal damage at during ventilation at physiologic
breathing rates. Nonetheless, this study did not address how flow and pressure may be
distributed in an injured lung with pathologic variations in tissue elastance, or over
frequency ranges typically used for high frequency oscillation.

Also consistent with previously published alveolar capsule studies [38–42], our model
predicts that the amplitudes of acinar pressure swings will be nearly uniform and identical to
tracheal pressure for frequencies below resonance, but will become more heterogeneous and
amplified compared to the airway opening as the resonant frequency is approached (Figure
7). Our model predicts that such amplification will become enhanced as the severity of lung
injury increases, again most likely due to the increases in average acinar elastance [38, 39].
However above resonance, alveolar pressure becomes rapidly attenuated relative to the
airway opening, as most of the pressure drop across the lungs at these higher frequencies is
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due to the resistance and inertia of gas in the central airways [40]. Indeed our simulations
demonstrate that at 50 and 100 Hz, the amplitude of acinar pressures swings are negligible.
Allen and coworkers quantified the heterogeneity of mean alveolar pressure during high
frequency oscillation in dogs and rabbits [38, 39], and also observed increasing interregional
heterogeneity of alveolar pressures at high frequency. Our results are in agreement with the
findings of these studies.

Some important limitations of this modeling approach to predict ventilation distribution
should be noted. For the purposes of these simulations, we assumed that the dynamic
behavior of the lung is linear and stationary during oscillatory flow excitations. Thus caution
should be exercised when extrapolating our results to large variations in tidal volume or
airway pressure that may result in intratidal changes in airway segment dimensions,
turbulent airflow patterns, parenchymal overdistention, or cyclic recruitment and
derecruitment. While our data structure does not preclude the incorporation of such
nonlinear or nonstationary phenomena into a model of the injured lung, it would require
considerably more computational time. In addition, our model does not include mechanisms
for airway-tissue interdependence or collateral ventilation, both of which have the potential
to be important determinants of ventilation distribution in some species [43–45]. Finally,
while the branching network of Horsfield et al. accurately describes the morphometric and
statistical properties of the canine airway tree [8], it is in fact a one-dimensional
representation of the dog lung, and thus lacks explicit anatomic detail [11]. Nonetheless, our
model could be enhanced such that each airway segment or acinus is assigned a unique
location in three-dimensional space [29, 30, 46], allowing for further simulations
incorporating pathology in anatomically distinct regions or topographic variation such as
lung height or apex-to-base locations.

We chose to perform these simulations using a dog lung model, based on extensive archived
information of anatomic and physiologic data in canine lungs [8, 23, 32, 47–50], especially
during acute lung injury [7, 26, 51, 52]. Moreover the dog is sufficiently large in size such
that its pulmonary mechanics scale appropriately to humans, making these results
generalizable to patients with lung injury. These simulations may therefore have clinical
relevance for the selection of appropriate frequencies in conventional ventilation or high
frequency oscillation based on the degree of lung injury, the relative portions of over- and
under-ventilated lung parenchyma, as well as interregional gas mixing.

SUMMARY
We developed a computational model of the canine lung comprised of an asymmetric
branching airway network which is stored in a binary tree data structure. The nodes in the
tree account for viscous dissipation and convective acceleration of gas flow in cylindrical
airway conduits, as well as viscoelastic airway walls and parenchymal tissues. To assess
regional ventilation to the individual acini, the entire binary tree can be traversed using a
recursive flow divider algorithm, allowing for the computation of acinar flow and pressure
distributions. These distributions are highly dependent on regions of maximal tissue stiffness
and the heterogeneity of tissue elastances, reflecting preferential distribution of ventilation
to areas of lower impedance and decreased flow to areas of higher impedance. Such
ventilatory imbalances may be responsible for the organ-level pathophysiology observed
during positive pressure ventilation in acute lung injury. Moreover, our model demonstrates
that global lung resistance and elastance assessed at the airway opening is highly dependent
on parenchymal tissue heterogeneity and ventilation frequency. We conclude that the
heterogeneity of regional lung mechanics is an important determinant of ventilation
distribution and gas exchange, especially in the acutely injured lung. The results
demonstrate that computational modeling of ventilation distribution in the injured lung has
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the potential to assist in the development of less injurious conventional and oscillatory
ventilation strategies.
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GLOSSARY/NOMENCLATURE

ALI acute lung injury

Cg,m gas compression compliance for airway segment of order m

Cg,n gas compression compliance of acinus n

Cs,m , Cc,m soft tissue and cartilaginous components of airway wall compliance,
respectively

EL total lung elastance

Fc,m fractional cartilage content in wall of airway segment of order m

f oscillation frequency in Hz

hm wall thickness for airway segment of order m

Hn tissue elastance of acinus n

Hmin minimum value of tissue elastance

Hmax maximum value of tissue elastance

IL effective lung inertance

Is,m, Ic,m soft tissue and cartilaginous components of airway inertance compliance,
respectively

j unit imaginary number (i.e., )

Jx complex Bessel function of order x

k key identifier for node in binary tree

lm airway segment length of order m

m airway segment Horsfield order

n acinar index

N total number of acini in the model (150,077)

Patm ambient pressure (1033 cm H2O)

Pacn,n distending pressure for acinus n

PEEP positive end-expiratory pressure

rm airway segment radius of order m

RL total lung resistance

Rs,m, Rc,m soft tissue and cartilaginous components of airway wall resistance,
respectively

VFRC lung volume at functional residual capacity

Vseg,m volume of air contained in airway segment of generation m
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V̇Cg,n flow lost to compression of gas contained in acinus n

V̇in,m flow entering airway segment of order m

V̇out,m flow exiting airway segment of order m

V̇shu,m flow lost to gas compression and wall distention in airway segment of order
m

V̇ti,n flow distending parenchymal tissues of acinus n

XL total lung reactance

ZL total lung impedance

Zacn,n impedance of acinus n

Zseg,m longitudinal impedance for airway segment of order m

Zshu,m parallel shunt impedance for airway segment of order m

Ztot,m total impedance looking into airway segment of order m

αm Womersley parameter for airway segment of order m

α oscillation frequency exponent

Δm recursion index for airway segment of order m

η tissue hysteresivity

μair viscosity of air (1.863 × 10−7 cm H2O s)

ρair density of air (1.41 × 10-−4 cm H2O s2 dm−2)

ω angular oscillation frequency in radians sec−1
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Figure 1.
Computation of flow division at A) representative parent airway segment of order m with
daughter segments of orders m−1 and m−1−Δm; and B) terminal acinar unit n. Flow division
at each parent airway segment is dependent upon parallel shunt impedance, Zshu,m, as well
as the total downstream impedance of each daughter node. Flows are oscillatory, complex
quantities with both magnitudes and phases. Pressure distributions are determined from the
products of segment impedances and flows. See text for description of variables names.
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Figure 2.
Example nodes of a parent and two subtending daughter branches from the binary tree data
structure. The data record of each node in the tree contains its unique key index km, its
Horsfield order m [8], and its downstream impedance Ztot,m.
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Figure 3.
Example of binary data structure developed using Matlab Data Structures and Algorithms
Toolbox (available online at http://code.google.com/p/pointer/). The structure utilizes data
nodes, pointers, and linked lists arranged to store a binary tree. Each node in the tree is
identified by a unique key index, with all variables quantifying airway segment dimensions,
downstream impedances, flows, and pressures stored in a data record at each individual
node. See text for details.
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Figure 4.
Total lung input impedance from 0.01 to 100 Hz expressed as resistance, reactance, and
elastance for the four different physiologic/pathophysiologic conditions. Elastance is
expressed only out to 1 Hz, as above this frequency the effects of gas inertia in the central
airways of the model become a more dominant contributor to reactance.
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Figure 5.
Summary of partitioning of total tracheal flow into net acinar tissue, gas compression and
airway wall shunting components for the four different physiologic/pathophysiologic
conditions. Net flows are expressed as magnitudes and phases versus frequency.
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Figure 6.
Histograms of acinar flow distributions for four different physiological conditions and five
different frequencies. Magnitudes are normalized relative to what the theoretical flow
distribution would be in an entirely homogeneous lung with symmetric branching and rigid
airway walls [10]. Phases are expressed relative to tracheal flow.
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Figure 7.
Histograms of acinar pressure distributions for four different physiological conditions and
six different frequencies, including the corresponding resonant frequency. Pressure
magnitudes and phases are normalized relative to corresponding tracheal pressure.
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Table 1

Maximum elastance (Hmax) values used for model simulations of four simulated conditions of health and
disease. Note that Hmin = 20N for all simulations. An increase in Hmax represents an increase in heterogeneity
of the parenchymal tissue mechanics.

Condition HmaxN−1 (cm H2O L−1)

Healthy Homogeneous 20

Healthy, Mild Heterogeneity 30

Moderate Lung Injury 100

Severe Lung Injury 300
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Table 2

Resonant frequencies determined from zero-crossings in lung reactance spectra for the four simulated
conditions of health and disease.

Condition Resonant Frequency (Hz)

Healthy Homogeneous 6.4

Healthy, Mild Heterogeneity 7.1

Moderate Lung Injury 10.0

Severe Lung Injury 13.2
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