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Summary

We present a new approach for physics-based computational modeling of diseased
human lungs. Our main object is the development of a model that takes the novel step
of incorporating the dynamics of airway recruitment/derecruitment into an anatom-
ically accurate, spatially resolved model of respiratory system mechanics, and the
relation of these dynamics to airway dimensions and the biophysical properties of
the lining fluid. The importance of our approach is that it potentially allows for more
accurate predictions of where mechanical stress foci arise in the lungs, since it is
at these locations that injury is thought to arise and propagate from. We match the
model to data from a patient with acute respiratory distress syndrome (ARDS) to
demonstrate the potential of the model for revealing the underlying derangements
in ARDS in a patient-specific manner. To achieve this, the specific geometry of the
lung and its heterogeneous pattern of injury are extracted from medical CT images.
The mechanical behavior of the model is tailored to the patient’s respiratory mechan-
ics using measured ventilation data. In retrospective simulations of various clinically
performed, pressure-driven ventilation profiles, the model adequately reproduces
clinical quantities measured in the patient such as tidal volume and change in pleu-
ral pressure. The model also exhibits physiologically reasonable lung recruitment
dynamics and has the spatial resolution to allow the study of local mechanical quanti-
ties such as alveolar strains. This modeling approach advances our ability to perform
patient-specific studies in silico, opening the way to personalized therapies that will
optimize patient outcomes.
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1 INTRODUCTION

Mechanical ventilation is a life-saving therapeutic measure for patients suffering from acute respiratory distress syndrome
(ARDS), an often fatal condition that has recently gained widespread attention due to its association with severe cases of COVID-
191,2. The main goal of mechanical ventilation is to maintain blood oxygenation and to ensure the removal of carbon dioxide
from the lungs. At the same time, mechanical ventilation must be delivered in a manner that minimizes ventilator-induced lung
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injury (VILI) and its consequent exacerbation of organ damage3,4,5. Two prevailing mechanisms fostering VILI are (i) overdis-
tension of the alveolar tissue, often referred to as volutrauma, and (ii) cyclic opening and closure of unstable lung units, often
referred to as atelectrauma5,6.

Providing a patient with sufficient minute ventilation while simultaneously minimizing VILI is a challenging task for physi-
cians. For the general ARDS case, various protective ventilation strategies have been developed to reduce the aforementioned
injury risks4 and to improve gas exchange in the lung. Such strategies include the reduction of tidal volume, the application
of positive end-expiratory pressure (PEEP), and the use of recruitment maneuvers to open collapsed lung regions. Despite the
established clinical benefits of these techniques7, however, they do not take inter-patient variability into account. This is due in
part to the fact that only global parameters of ventilation, gas exchange and respiratory mechanics are typically at hand. Such
parameters do not provide insight into the distributed nature of lung injury in what is usually a very heterogeneous pathology.
Being able to take both global and local measures of lung function into account when making treatment decisions would be of
great benefit to the management of ARDS8. The clinical application of electrical impedance tomography (EIT) serves this pur-
pose at the bedside to some extent by deducing regional ventilation distributions based on a map of the electrical properties of
the thorax9. However, EIT is limited to a slice of the organ (2D-EIT) and has only very coarse resolution. Thus, at the present
state of the art, (1) a detailed and comprehensive insight (2) during therapy (3) into the whole lung is not available.

Computational models of the lung that represent ARDS pathophysiology in a personalized manner may thus be helpful in
optimizing protective ventilation strategies in clinical practice, especially if they include descriptions of phenomena such as het-
erogeneous tissue straining and cyclic recruitment of lung units that close during each expiration8. Some computational studies
have attempted to model the overall recruitment behavior of lungs and show a limited degree of predictive capability10,11,12. Due
to their single-compartment design, however, they cannot inform about potential sites of regional overdistension caused by tissue
inhomogeneity. Multi-compartment models, on the other hand, allow us to investigate the complex dynamics of lung recruitment
and derecruitment at a finer level of spatial and temporal scale13,14,15,16. In particular, the empirical model of time-dependent
recruitment and derecruitment (R/D) dynamics introduced by Bates et al.15,17,18 has been widely used to interpret experimental
data from animal models16,17,19,20,21,22 and to link R/D dynamics to VILI in certain ventilation strategies16,18,19,20,21,22,23. This
model has not, however, been incorporated into an anatomically and physiologically realistic representation of the human lung,
nor has it been personalized to represent the pathology of an individual patient. In contrast, we have developed a physics-based
computational model of the lung24,25,26 that is able to reproduce the pulmonary ventilation of an ARDS patient over both global
and local length scales, but this model does not incorporate a representation of the dynamics of R/D that is so crucial to the fate
of a lung with ARDS.

The goal of the present work is therefore to integrate the dynamics of R/D into a comprehensive and anatomically based
computational lung model. To do this, we combine our physics-based reduced-dimensional model of the lung based on a realistic
morphology24,25,26 with the afore-mentioned empirical model of R/D dynamics15,17,18,19,22. To enhance the physical foundation
of the model, the R/D dynamics are related to the dimensions of the airways and to the biophysical properties of the airway lining
fluid. This novel modeling approach allows a more realistic estimation of how high-stress sites within the lungs of a given patient
might act as foci for the development and propagation of VILI. We evaluate our new model by matching its mechanical behavior
to clinical data from a patient suffering from ARDS, and then we used the model to simulate several ventilation maneuvers
undertaken at the bedside. Our goal is to develop a tool for creating personalized therapies for the mechanically ventilated patient.

2 MATERIALS AND METHODS

To set up our patient-specific computational model, information about lung geometry and pulmonary pathophysiology is
extracted from clinical data and we further used the data to calibrate the mechanical behavior of the model to that of the patient
(see schematic outline in Figure 1).

2.1 Clinical data
We used chest CT images and ventilation data acquired during the medical treatment of a critically ill, endotracheally intubated
50 year-old female patient suffering from ARDS who was included in another study27. The data were provided in an anonymized
format by the Department of Anesthesiology and Intensive Care Medicine at Christian Albrechts University in Kiel. Ethical
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FIGURE 1 Schematic overview of the process to generate the patient-specific computational model of the lung from clinical
data to simulate various ventilation profiles and to retrospectively compare it to the clinical reference measures.

approval was obtained from the ethics committee of the Medical Faculty in Kiel, and the underlying study was carried out in
accordance with the Declaration of Helsinki.

Image data A single three-dimensional thoracic CT scan of the patient provides the overall geometry for the lung model
and allows us to identify derecruited, and thereby potentially recruitable, regions. The scan (512x512x1062 pixels each hav-
ing dimensions 0.98x0.98x0.7mm) was recorded at a PEEP of 10 mbar (PEEP10). Exemplary views of the lung showing the
heterogeneous injury of the organ are depicted in Figure 2.

right lung

left lung

FIGURE 2 CT scan of the patient in axial, coronal and sagittal (right and left lung) view exhibiting heterogeneous lung regions.

Ventilation data Various ventilation profiles were applied to the patient at the bedside to reveal the specific mechanical
properties of the respiratory system and to adapt the ventilation parameters appropriately for therapy. Measurements included
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the pressure at the airway opening, the tracheal air flow entering the lung, and esophageal pressure as a surrogate for pleural
pressure. Transpulmonary pressure (𝑃tp) was calculated as the difference between tracheal and esophageal pressures.

2.2 Reduced-dimensional lung model
Our computational study is based on the previously developed reduced dimensional computational model24,25,26 extended to
include a well-investigated model of R/D dynamics15,17,18. In the following, we briefly restate the central components of these
models.

2.2.1 Model geometry
Using the CT image, we identified the centerline of the visible parts of the airway tree from distal end of the endotracheal tube
down to the lobar bronchi. The individual lobes of the lung were segmented (Mimics and 3-Matic, Materialise, Leuve, Belgium)
and the airway branches within each lobe generated by a space-filling algorithm26,28. The recursive branching of a parent airway
into two daughter airways follows morphological length and diameter ratios29,30,31 and terminates when either

• the length of an airway is smaller than 1.2 mm,
• the diameter of an airway is smaller than 0.4 mm,
• a maximal number of 17 generations is reached, or
• the hull geometry of the segmented lobe is penetrated.

The resulting three-dimensional airway tree mimics the purely conducting zone of the lung and is modeled by reduced-
dimensional airway elements (see Section 2.2.2). At each terminal branch, we attach a so-called terminal unit (see Section 2.2.3).
These terminal units represent the remaining smaller tissue structures reaching into the parenchymal region beyond the
conducting airway tree. In total, the model contains 48,178 reduced airway elements and 24,089 terminal units.

2.2.2 Conducting airways
0D airway model Each branch of the tracheo-bronchial tree is modeled by a reduced-dimensional element reproducing
the averaged behavior of flow and wall mechanics in a fully resolved, elastic, three-dimensional airway, closely following
Ismail et al.26. The rates of inflow 𝑄in and outflow 𝑄out of a 0D airway are driven by the pressure drop Δ𝑃 = 𝑃in − 𝑃out across
the element and the external pressure, 𝑃ext , and are determined by

𝐶 d
d𝑡

(1
2
(

𝑃in + 𝑃out
)

− 𝑃ext

)

+𝑄out −𝑄in + 𝐶 ⋅ 𝑅visc
d
d𝑡

(

𝑄out −𝑄in
)

= 0,

𝐼
2
d
d𝑡

(

𝑄in +𝑄out
)

+ 1
2
(

𝑅μ + 𝑅conv
)

⋅𝑄out + 𝑃out − 𝑃in = 0,
. (1)

where 𝐶 is the capacitance of the airway wall, 𝑅visc, 𝑅conv and 𝑅μ are the visco-elastic, convective and nonlinear airway
resistances, respectively, and 𝐼 is inductance. For further details on these quantities see24,25,26.

R/D dynamics of airways To include time-dependent R/D dynamics in our patient-specific model of the lung, we followed
the semi-empirical and established approach introduced by15,17,18. The approach assumes that an individual (de-)recruitable
airway can either be completely open (state = 1) or completely closed (state = 0), and switches between these states depending
on the pressure it is exposed to and the duration of this exposure. The transitions between the two states are modeled using a
variable 𝑥 that moves along a virtual trajectory between 0 and 1 according to

d𝑥
d𝑡

=

⎧

⎪

⎨

⎪

⎩

𝑠o(𝑃in − 𝑃o) 𝑃in > 𝑃o

𝑠c(𝑃in − 𝑃c) 𝑃in < 𝑃c

0 𝑒𝑙𝑠𝑒,
(2)

where 𝑃o is the critical opening pressure, 𝑃c is the critical closing pressure, and 𝑠o and 𝑠c are constants of proportionality. When
𝑃in exceeds 𝑃o, 𝑥 moves toward 1. If 𝑃in falls below 𝑃c, 𝑥 approaches 0. The rate at which 𝑥 changes depends both on the
constants 𝑠o and 𝑠c and on the difference between 𝑃in and the corresponding critical pressure. If 𝑥 reaches 0 when the airway
is open, or 1 when the airway is closed, closure or opening is triggered, respectively. When 0 < 𝑥 < 1, the state of an airway



GEITNER ET AL 5

does not change. When 𝑃c < 𝑃in < 𝑃o, 𝑥 remains constant. Following15, we model a closed 0D airway element by setting its
resistance to a high value of 𝑅μ = 1016kg∕s.m4 in Equ. (1), which effectively eliminates airflow through it. Further details on
the model can be found in15,17,18.

In previous works employing this dynamic R/D model, the values of the model parameters in Equ. (2) have generally be deter-
mined in a stochastic manner15,17,18, which represents the complex mechanical events occurring in an airway during reopening
in purely phenomenological terms. In contrast, we try to base the parameters of our composite model on physical relationships
as far as possible. Thus, based on experimental findings32, we compute 𝑃o for an airway using its radius 𝑟aw and the surface
tension, 𝛾 , of its lining fluid according to

𝑃o = 8.3
𝛾
𝑟aw

. (3)
Since the composition of the lining fluid in a diseased lung region is unknown, we consider three different values for 𝛾 in
Equ. (3). As one reasonable choice, we assume the fluid to be dominated by human serum albumin, a major component of
human blood plasma, with a surface tension of 𝛾 = 70 dyn/cm33. This protein is presumably also present in airways damaged
by inflammatory processes and cyclic reopening34, resulting in epithelial cell damage and leakage of blood plasma into the air
spaces. As the airway fluid might also transition to stickier sputum35, we consider two additional arbitrarily chosen scenarios of
𝛾 = 100 dyn/cm and 𝛾 = 130 dyn/cm.

We choose 𝑃c in Equ. (2) 4 cmH2O lower than the corresponding 𝑃o according to18. The constants 𝑠o and 𝑠c that influence
the rate of airway opening and closing, respectively, are assumed to follow the quasi-hyperbolical distributions 𝑠o ∈ 𝑆o

unif[0,1]
and

𝑠c ∈ 𝑆c

unif[0,1]
18. Herein, unif[0, 1] describes uniformly distributed stochastic values between 0 and 1. 𝑆o and 𝑆c are constants

set to 0.04 cmH2O
−1s−1 and 0.004 cmH2O

−1s−1, respectively18. Finally, 𝑠o and 𝑠c are coupled such that 𝑠o = 10𝑠c for each
collapsible airway.

To account for the patient-specific spatial heterogeneity of the diseased lung in our computational model, we apply the above
time-dependent R/D model to those airways of the tracheo-bronchial tree that are located in injured (i.e., non- or poorly-aerated)
regions of the lung. The potentially atelectatic regions are identified in the CT scan as having Hounsfield Units (HU) > −30036.
All airways distal to a collapsible airway are assumed to be of a similarly diseased state (e.g., due to abnormal liquid lining
properties and/or restricted airflow) and are therefore also subjected to R/D in our model. Figure 3 shows all 18,952 airways of
the airway tree that are collapsible based on the conditions described above. The distributions of 𝑃o for all collapsible airways,

FIGURE 3 Generated airway tree with (de-)recruitable airways (blue) identified by regions in CT scan with densities above
-300 HU.

following Equ. (3), are depicted in Figure 4 for each 𝛾 .

2.2.3 0D terminal units
The terminal units comprising the respiratory zone beyond the distal ends of the conducting airway tree are represented by
generalized Maxwell models that reproduce the nonlinear viscoelastic behavior of alveolar tissue26. A hyperelastic compressible
Ogden-type material law37 is used to model the nonlinear elastic behavior of the lung parenchyma24, derived by assuming pure
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FIGURE 4 Distribution of the critical opening pressures 𝑃o,γ of all recruitable airways with respect to the three investigated
values for the surface tension 𝛾 , 70 dyn/cm, 100 dyn/cm and 130 dyn/cm.

volumetric deformation as
𝑃alv − 𝑃pl =

𝜅
𝛽
⋅
𝑉0,unit

𝑉unit

(

1 −
(𝑉0,unit

𝑉unit

)𝛽
)

, (4)

where 𝑉unit is the current volume of a terminal unit, 𝑉0,unit is the reference value of 𝑉unit in the stress-free state, 𝑃alv is alveolar
pressure, and 𝑃pl is pleural pressure. The slope and shape determining parameters 𝜅 and 𝛽, respectively, define the material
properties of the lung tissue. 𝜅 and 𝛽 are estimated for the lungs of a specific patient by a fitting procedure (Section 2.2.5).

When determining 𝑉0,unit for each terminal unit, we have to consider the heterogeneous nature of a damaged lung. The terminal
units are mechanically independent and thus generally exist in different mechanical states, either collapsed and presumably
stress-free or normally inflated and thus distended. We cannot therefore simply calculate the total lung volume from the CT
image by solving Equ. (4) and distributing it evenly across all terminal units because this could underestimate local increase in
volume capacity resulting from recruitment. We therefore split the total volume of each lobe, derived from the CT image, into
two parts, one consisting of air and the other of tissue based on HU = -1000 for air and HU = 0 for water (∼ tissue)38.

The volume of the part comprised of water is assumed to correspond to the volume of the lobar tissue, 𝑉 tissue,lb. We distribute
𝑉 tissue,lb across all lobar terminal units in proportion to the area, 𝐴lb

unit , of the airway supplying each unit, which was set during
the tree growing procedure. 𝐴lb is the sum of all the individual 𝐴lb

unit for the lobe. That is, 𝑉 𝑡𝑖𝑠𝑠𝑢𝑒
unit = 𝑉 tissue,lb ⋅ 𝐴lb

unit∕𝐴
lb. This

approach is motivated by the assumption that larger airways support larger alveolar regions. To get the total volume of a terminal
unit, including both its air and tissue volumes, we distribute the total air volume of the lung across all terminal units so as to
recreate their respective HU in the CT image. The total volume of a terminal unit determined in this way corresponds to the
volume 𝑉unit,𝐶𝑇 of the unit under the pressure load at the time of the CT scan, i.e., with PEEP10 applied at the airway opening
and the corresponding pleural pressure. The reference volume 𝑉0,unit of open terminal units can then be calculated by solving
Equ. (4). Initially trapped terminal units, i.e., units that are attached to an initially collapsed airway, are assumed to be nearly
collapsed, and therefore already in a stress-free state so that 𝑉0,unit = 𝑉unit,𝐶𝑇 .

2.2.4 Pressure boundary conditions
The external pressure acting on a terminal unit has two components: 1) a volume-dependent component 𝑃 vol

pl due to the elastic
recoil of the chest wall, and 2) a static component 𝑃weight

pl due to the weight of the lung that is above the units in question. The
pleural pressure is the sum of these two components, that is: 𝑃pl = 𝑃 vol

pl + 𝑃weight
pl . 𝑃 vol

pl is determined by the total volume of all
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terminal units and thus implicitly integrates the passive mechanical properties of the sedated chest wall into the model. Since
the relationship between the lung volume and 𝑃pl during a quasi-static inflation maneuver is linear over most of its typical range
(Figure 5b, see more details in Section 2.2.5), we match the linear relationship

𝑃 vol
pl = 𝑃pl,0 + 𝑃pl,lin𝑉f rac, (5)

with
𝑉f rac =

(𝑉 − 𝑉PEEP)
(𝑉max − 𝑉PEEP)

(6)
to clinical measurements by determining 𝑃pl,0 and 𝑃pl,lin accordingly. The volume fraction 𝑉f rac describes the ratio between the
increase in volume, 𝑉 − 𝑉PEEP, from the volume level at PEEP10, calculated from the CT scan, and the increase in volume
during the quasi-static inflation maneuver at end-inspiration, 𝑉max − 𝑉PEEP.
𝑃weight
pl is the pressure across a section of lung tissue due to the weight of the lung above it, treating the organ as a fluid body

subjected to gravity. This weight is usually larger in an ARDS compared to a healthy lung because of the extra fluid accumulation.
To include this effect in our model, we employ the relation proposed in39 that provides the pressure resulting from the weight
of the lung as a function of ventral-to-dorsal height of the lung, ℎlung:

𝑃weight
pl = 0.541 ⋅ (ℎlung − ℎballoon) + 0.015 ⋅ (ℎ2

lung − ℎ2
balloon). (7)

To achieve a static pressure of zero at the reference point of measurement, which is made using an esophageal balloon, we
determine the height of the measurement site, ℎballoon, from the CT image40 and introduce it into Equ. (7).

2.2.5 Patient-specific parameter calibration
At an overall level, the respiratory system is composed of two distinct interacting sub-systems, the lung and the chest wall41.
In order to personalize these two sub-systems to the patient in this study, we fit the remaining parameters of Equ. (4) (i.e., 𝜅
and 𝛽) and Equ. (5) (i.e., 𝑃pl,0 and 𝑃pl,lin) to recordings of pressures and volume made during a quasi-static inflation maneuver
starting at PEEP10. The low flow employed during this maneuver minimizes viscous effects in the lung tissue, so the resulting
pressure-volume curve is largely reflective only of the elastic behavior of the respiratory system. Both equations were fit to the
inspiratory segments of the pressure-volume data in MATLAB using a nonlinear regression method (see Figure 5).

In our model, the lung sub-system can be viewed as the collective behavior of all terminal units (see Section 2.2.3). As their
deformation is governed by the interplay of the alveolar and pleural pressures, we fit 𝜅 and 𝛽 to the transpulmonary pressure
𝑃tp = 𝑃alv − 𝑃pl and the corresponding lung volume in the quasi-static inflation maneuver (Figure 5a). We assume 𝜅 and 𝛽
to be the same for all terminal units. The heterogeneity of the diseased lung is accounted for by collapsible airways. That is,
when an airway is closed its downstream tissue units no longer communicate with the airway opening (i.e., these units become
derecruited). As a consequence, the model stiffens regionally.

Accordingly, we estimate the parameters of 𝑃 vol
pl (Equ. (5)) such that we can reproduce the 𝑃pl-𝑉 behavior of the quasi-static

inflation maneuver (Figure 5b). The values of the parameters describing the elastic material behavior of the terminal units and
the pleural pressure conditions are given in Table 1.

3 RESULTS

Simulation protocol To investigate the behavior of our model in a real-life scenario, we simulated a 28-minute long recording
of the patient’s ventilation protocol at the bedside. The model was driven by the airway pressure applied during mechanical
ventilation. Note that the simulated ventilation patterns do not include the quasi-static inflation maneuver from PEEP10 that
was used to calibrate the model (Section 2.2.5), so the maneuvers used to validate the model are not the same as that used to
develop it.
We used the following maneuvers for validation:

1. cycles of normal ventilation containing two quasi-static inflation maneuvers with different peak pressures, starting from
PEEP16 (Figure 6),

2. cycles of normal ventilation at PEEP13 with half the original driving pressure (Figure 7), and



8 GEITNER ET AL

(a) (b)

FIGURE 5 (a) Pressure-volume curve of all terminal units (red) calibrated to the clinical measurement of transpulmonary
pressure and volume (blue), and (b) relation between the volume fraction and the pleural pressure used as boundary condition
in the model (red) determined from the measured pleural pressure-volume-curve (blue). Data points in (a) below the lower
inflection point (light blue) have been neglected for the calibration as the curvature of this part might result from recruitment
effects and, thus, not exhibit the pure elastic pressure-volume behavior of the lung.

3. a sustained-inflation maneuver starting at PEEP16 in which the airway pressure was maintained at 40 mbar for a period
of ∼32 seconds, followed by ventilation at elevated PEEP19.

The chronological order of these maneuvers is indicated by the time indications in the figures. We simulated these maneuvers
for three different values of 𝛾 of 70, 100, and 130 dyn/cm. As we did not know the initial state of each collapsible airway, we
chose 𝑃𝑜 > 24 mbar as the critical threshold for airways to be declared closed initially. This value minimizes the transient
opening and closing of airways during the first simulated ventilation cycles with PEEP10 and an end-inspiratory pressure of
32 mbar. We simulated several additional normal ventilation cycles at the beginning of each run to achieve steady state.

Global ventilation quantities Figures 6 - 8 show the responses of relevant ventilation characteristics to the applied airway
pressure profiles (top) over time. These include (from top to bottom): (i) air flow-derived tidal volume, (ii) comparison of
measured and simulated 𝑃pl, and (iii) the percentage of open airways. Our simulated results show good agreement with the
clinical measurements for all chosen values of 𝛾 . Nevertheless, as expected, the system is sensitive to the choice of 𝛾 . In particular,
a higher value of 𝛾 leads to elevated and more broadly distributed values for 𝑃o (Figure 4), which results in reduced tidal volumes
and reduced swings in 𝑃pl due to fewer reopened tissue regions (terminal units). We observe this effect in all investigated
ventilation profiles at end-inspiration (Figures 6 - 8).

For the normal ventilation cycles (Figure 6) and the quasi-static inflation maneuver, the clinical data are best reproduced by
the model for 𝛾 = 100 dyn/cm, particularly as regards tidal volume. Assigning 𝛾 the value for human albumin of 70 dyn/cm
leads to slight overestimations of tidal volume and swings in pleural pressure. When the driving pressure is reduced by 50%,
the tidal volume approximates clinical measurements at the peak of inspiration well (Figure 7). Nevertheless, there remains
some mismatch between measured and simulated tidal volumes for all values of 𝛾 investigated. The simulated and mea-
sured sustained-inflation maneuvers show good agreement both in terms of tidal volume and change in pleural pressure for
𝛾 = 100 dyn/cm, including their time-dependent, continuous increase (Figure 8). However, the simulated drop in pleural
pressure and especially the observed simultaneous decrease in lung volume after this maneuver diverge from the clinical data.
Elevations in both quantities are expected because of the raising of PEEP from 16 to 19 mbar, which would increase the volume
capacity of the lungs due to both stronger distension and recruitment. The discrepancies between the simulations and the data
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FIGURE 6 Simulation results of the proposed computational model for a clinically applied airway pressure profile of nor-
mal ventilation alternated by two quasi-static low-flow inflation maneuvers (top) for all three scenarios of surface tension 𝛾 ,
70 dyn/cm (blue solid), 100 dyn/cm (green dashed) and 130 dyn/cm (red dotted) from top to bottom: tidal volume and change in
pleural pressure compared to the clinical measurements (black solid), and the percentage of open airways in the whole model;
in each figure, the area highlighted in grey (top left) indicates the period shown in more detail in the right column for all men-
tioned measures.

could thus indicate that airways close too slowly in our model. This would allow air to escape from the lungs prior to closure
and thus to reduce gas trapping. In addition, the differences between simulation and data differ for tidal volume and pleural
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pressure after the recruitment maneuver. This might suggest erroneous measurement of the very high flows occurring just after
release of the high pressure, something that we also observed subsequent to other simulated recruitment maneuvers (data not
shown), where the simulated pleural pressure behaves similarly to the recordings at the bedside, yet, the tidal volume does not.

R/D and underlying time dependence In general, the R/D processes in our model occur continuously during ventilation
and behave as expected. For example, the number of open airways changes depending on the applied airway pressure. A drop
in pressure results in the gradual closure of airway elements, and vice versa. On the time scale of a single breath, we observe
intra-tidal R/D in our model indicated by a varying number of open airways throughout each breath (see, e.g., normal ventilation
in Figure 6). On the timescale of the overall ventilation protocol, we see that a reduction in driving pressure and, thus, of the
tidal volume leads to less intra-tidal reopening indicated by a decreased amplitude of oscillations in the number of open airways
compared to normal ventilation cycles (Figure 7).

R/D dynamics are strongly influenced by 𝛾 (Figures 6 - 8), with a lower value of 𝛾 resulting in more airways being permanently
open. Moreover, changing 𝛾 causes a change in the number of airways that transition between open/closed states with a change
in ventilation modality. For example, during the second quasi-static inflation maneuver shown in Figure 6, about ∼1.4 % of the
airways recruit in the model with the highest 𝛾 compared to ∼2.2 % of the airways in the model with the lowest 𝛾 . We also
observe this sensitivity of R/D to 𝛾 in the rates at which airways close when the driving pressure is suddenly halved (Figures 7),
and during the period of constant PEEP immediately prior to a sustained inflation maneuver (Figure 8). The effect is most
pronounced with the lowest 𝛾 even though the most airways remain open because of the concomitant change in 𝑃o; increasing 𝛾
widens the distributions of 𝑃o and 𝑃c and moves both to higher pressures (Figure 4). The effects of 𝛾 on R/D magnitude and
dynamics are thus somewhat complex.

The importance of including time dependence of R/D in the model becomes apparent when simulating the sustained-inflation
maneuver. Here, the simulated gradual increases in lung volume and the number of open airways match observations well for 𝛾 =
100 dyn/cm (Figure 8) and show that recruitment is still continuing at the end of the maneuver. In contrast, for 𝛾 = 70 dyn/cm,
all airways reopen almost immediately after the increase in pressure, allowing the lung to reach its full capacity quickly.

Finally, our model shows permanent (de-)recruitment effects after certain maneuvers. Subsequent to the larger quasi-static
inflation maneuver (Figure 6), the number of open airways during normal ventilation remains slightly increased even though
PEEP and driving pressure have returned to their pre-maneuver settings. This shows that temporary recruitment maneuvers
can have a permanent beneficial effect on the amount of open lung. By the same token, the model also reproduces the opposite
effect; when driving pressure is temporarily decreased there can be a permanent reduction in the amount of open lung (Figure 7).

Local tissue strain Our reduced-dimensional, yet spatially resolved, modeling approach enables us to study local tissue
mechanics in the lung. Of particular interest in this regard is the strain that is experienced by different lung regions depending
on local ventilation and gravitational loads. Since the model with 𝛾 = 100 dyn/cm shows the best agreement with clinical data
(Figures 6 - 8), we focus on this value of 𝛾 in the following. Figures 9 and 10 show the tissue strains in the terminal units at
selected points along the simulated airway pressure profile. At each point, an averaged global strain is determined as the ratio
between current lung volume in the computational model and the end-expiratory lung volume of 3.21 l calculated from the CT
image. This helps to illustrate discrepancies between the observed global strain (marked on the color bars) and the actual local
strains.

Figure 9 depicts the local volumetric tissue strains derived from our model during normal ventilation and at the end of the
subsequent maneuver with temporarily reduced driving pressure, at two points within the breath. As expected, strains are higher
during normal ventilation at peak-inspiration. However, we also see a slightly reduced end-expiratory lung volume (EELV) at
end-expiration when driving pressure is halved. This mainly results from the viscous behavior of the terminal units; because tidal
volume is reduced but the inspiration/expiration time ratio remains fixed, viscoelastic creep allow the terminal units to contract
further than would be the case in normal ventilation mode. Thus, not all dynamic phenomena in the model are attributable to
R/D. Nevertheless, Figure 10 also shows explicit effects of recruitment as the number of open terminal units changes throughout
the course of the sustained inflation. Importantly, in contrast to the monitored global strain, the model reveals the existence of
potentially harmful regional strains above 1.542,43.

Another phenomenon captured by our model is gas trapping. This occurs predominantly in regions of inhomogeneity where
one can observe terminal units that have a constant strain level over a wide range of ventilation states (Figures 9 and 10). It is
only during a recruitment maneuver that these units finally open up.
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4 DISCUSSION

In this study, we propose an approach for comprehensively modeling the ventilatory response of a patient suffering from ARDS.
Our previously described physics-based reduced-dimensional computational model based on patient-specific morphological
information24,25 is combined with an established empirical model of airway R/D dynamics15,17,18,19,22,44. We extended the R/D
model by linking the critical opening pressures of closed airways to the biophysical effects of surface tension in the airway lining
fluid32 and the dimensions of the tracheo-bronchial tree determined from a thoracic CT image28. The CT image also allowed us
to apply the R/D model specifically to diseased regions of the lung, thereby taking regional heterogeneity of lung function into
account. Finally, we account for gravitational effects on the lung tissue.
Compared to other models in the literature20,21,45,46, the model we have developed here is the first mechanically based and
spatially resolved computational description of the entire lung that incorporates R/D dynamics and can be tailored to a specific
human lung.

We parameterized the elastic behavior of the tissue elements in the model in a personalized manner by matching its behavior
to that measured in a ventilated patient24, focusing on a quasi-static inflation maneuver in order to calibrate the model to a
wide range of pressure and volume behavior. We also accounted for the influence of the thoracic cage with a pressure boundary
condition corresponding to the measured esophageal pressure that was a function of lung volume. We tested the computational
model by comparing its predictions to pressure, flow and volume data measured in the mechanically ventilated ARDS patient
during various respiratory maneuvers. The model recapitulated the key features of the measured data (Figs. 6 - 8). The model also
reproduced the dynamic R/D phenomena that led to phenomena such as gas trapping, transient opening and closing of airways,
and repetitive intra-tidal recruitment, all of which may play an important role in the generation of ventilator-induced lung injury.

A particularly novel aspect of our model is that it allows the investigation of the effects of surface tension on the dynamics
of R/D. The best match of the model predictions to experimental measurement was obtained with 𝛾 = 100 dyn/cm (Figs. 6 - 8)
both in terms of lung compliance and the transient increase in lung volume seen during a sustained inflation maneuver. Since the
composition of the airway liquid, and consequently the value of 𝛾 , are likely to depend on ARDS severity, choosing the value
of 𝛾 appropriately is clearly critical to model performance. This is perhaps most crucial in terms of the degree of cyclic R/D
taking place within the breath, since this is likely a potent mechanism for causing lung injury. In particular, a high proportion of
cyclic R/D in the model may indicate the potential for harmful shear stresses to occur at airway walls34 and thus might be taken
as an indicator for the contribution of atelectrauma to VILI47. Simultaneously, the model provides insight into potential risk of
volutrauma by revealing local strains.

Despite its advantages, however, the model also has some limitations. Since the composition of pathologic airway lining fluid
is unknown, we assumed the same fluid properties for all diseased sites in the lung. This neglects any local changes in surface
tension that might arise, for example, as a consequence of changes in the types and proportions of airway fluids that are present,
or as a result of varying pathological states within the lung35. Nor do we consider the changes in production and secretion and the
degradation of surfactant in pulmonary diseases48. Even the average value of 𝛾 may vary among patients and between different
pathological conditions and will therefore likely be difficult to determine in any specific case. Thus, the choice of the physically
important parameter 𝛾 may have to be made on the basis of the clinical history of the patient and current conditions within the
lung such as newly emerging versus long-term atelectasis along with any information that can be obtained about the ease with
which collapsed lung can be recruited. Uncertainty quantification based on quantitative assessment of the effects of variations in
the value of 𝛾 in the model will therefore likely be important. Methods of uncertainty quantification continue to advance and are
proving valuable in dealing lack of knowledge in biomedical systems49,50. Another model limitation is that we only considered
R/D at the airway level, yet collapse and reopening also occurs in the alveolar regions20,51. Thus, the terminal components of our
model cannot mimic intermediate states of tissue distension such as might occur under pathological conditions20,21 as opposed
to being either fully closed or open according to Equ. (4). Tackling these various shortcomings are promising future research
objectives. In addition, using the model to make quantitative estimations of the propagation and degree of VILI caused by cyclic
opening and closing and/or over-distension will be a crucial step toward optimizing mechanical ventilation in a patient-specific
manner8.



12 GEITNER ET AL

5 CONCLUSION

In conclusion, we have introduced a novel approach to modeling the lung in a physics-based and spatially resolved manner. The
model includes an empirical mechanism for R/D that is linked to airway dimensions and liquid lining properties. We applied
this approach to the simulation of lung dynamics in an ARDS patient receiving mechanical ventilation in the intensive care
unit. The model recapitulates the key features of the measured airway pressure, flow and volume, and provides insight into
local inhomogeneity of lung function that manifests during varying pressure conditions. The model thus has the potential to
elucidate spatial distributions of damaging mechanisms throughout the lung that may lead to ventilator-induced lung injury.
This represents an important step toward the development of individualized therapies for the ARDS patient.
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FIGURE 7 Simulation results of the proposed computational model for a clinically applied airway pressure profile of normal
ventilation with temporarily halved driving pressure (top) for all three scenarios of surface tension 𝛾 , 70 dyn/cm (blue solid),
100 dyn/cm (green dashed) and 130 dyn/cm (red dotted) from top to bottom: tidal volume and change in pleural pressure
compared to the clinical measurements (black solid), and the percentage of open airways in the whole model; in each figure, the
area highlighted in grey (top left) indicates the period shown in more detail in the right column for all mentioned measures.



GEITNER ET AL 17

580 600 620 640 660 680 700 720

20

30

40

a
ir
w

a
y 

p
re

ss
u
re

 [
m

b
a
r]

580 600 620 640 660 680 700 720

0

0.2

0.4

0.6

0.8

1

ti
d
a
l v

o
lu

m
e
 [
l]

580 600 620 640 660 680 700 720

0

5

10

15

P
p
l

v
o
l

[m
b
a
r]

580 600 620 640 660 680 700 720

time [s]

60

70

80

90

100

o
p
e
n
 a

ir
w

a
ys

 [
%

]

600 610 620 630 640

20

30

40

a
ir
w

a
y
 p

re
ss

u
re

 [
m

b
a
r]

600 610 620 630 640

0

0.2

0.4

0.6

0.8

1

tid
a
l v

o
lu

m
e
 [
l]

600 610 620 630 640

0

5

10

15

P
p
l

v
o
l

[m
b
a
r]

600 610 620 630 640

time [s]

60

70

80

90

100

o
p
e
n
 a

ir
w

a
ys

 [
%

]

FIGURE 8 Simulation results of the proposed computational model for a clinically applied airway pressure profile containing a
sustained-inflation recruitment maneuver (top) for all three scenarios of surface tension 𝛾 , 70 dyn/cm (blue solid), 100 dyn/cm
(green dashed) and 130 dyn/cm (red dotted) from top to bottom: tidal volume and change in pleural pressure compared to the
clinical measurements (black solid), and the percentage of open airways in the whole model; in each figure, the area highlighted
in grey (top left) indicates the period shown in more detail in the right column for all mentioned measures.
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FIGURE 9 Local tissue strain of normal ventilation and halved driving pressure for 𝛾 = 100 dyn/cm, at end-expiration (𝑡 =
294.5𝑠 and 𝑡 = 314.5𝑠, respectively; 1⃝) and at end-inspiration (𝑡 = 295.5𝑠 and 𝑡 = 315.5𝑠, respectively; 2⃝). The distension of
an exemplary ventral terminal unit, subjected to stronger straining due to position, differs for the models with surface tension
70 dyn/cm and 130 dyn/cm from the 𝛾 = 100 dyn/cm scenario by -1.67% and 0.0% at end-expiration ( 1⃝), and by -2.92%
and 1.46% at end-inspiration ( 2⃝) during normal ventilation, respectively; during halved driving pressure, the strain deviates by
-0.85% and 0.85% at end-expiration ( 1⃝), and by -2.36% and 2.36% at end-inspiration ( 2⃝), respectively.
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FIGURE 10 Local tissue strain during sustained-inflation maneuver for 𝛾 = 100 dyn/cm, before (𝑡 = 610𝑠, 1⃝), right after
onset (𝑡 = 612𝑠, 2⃝), in the middle (𝑡 = 623𝑠, 3⃝) and at the end (𝑡 = 635𝑠, 4⃝) of the elevated pressure level. The distension of
an exemplary ventral terminal unit, subjected to stronger straining due supine body, differs for the models with surface tension
70 dyn/cm and 130 dyn/cm from the 𝛾 = 100 dyn/cm scenario by -0.84% and 0.84% before ( 1⃝), and -4.52% and 3.23% at the
end ( 4⃝) of the maneuver, respectively.
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TABLE 1 Patient-specific parameters of the proposed computational model.

Parameter Value Units

Terminal units 𝜅 3.7 mbar
(Ogden material) 𝛽 −2.4 -
Chest wall 𝑃pl,0 10.15 mbar

𝑃pl,lin 9.35 mbar
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