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Highlights

Graphical abstract

• Advanced coupled models of the
respiratory system are introduced
and discussed.
• We focus on the essential interaction between flow and deformation
in the lung.
• Possible areas of application are
provided to the reader for each
model.
• Presented models are validated
against regional and dynamic clinical measurements.
• Gas exchange on a realistic airway
and vascular tree is derived for the
first time.
Abstract
In this article we present advanced computational models of the respiratory system with a special focus on approaches that
are able to tackle the interaction between flow and tissue components which is necessary to accurately represent the underlying
physics of the lung. We review complexity of this new generation of so-called coupled models and present strategies for sensible and
target-oriented dimensional reduction. From this inherent complexity it becomes clear that there is no “one-size-fits-all” approach
in the modelling of respiratory mechanics but one has to choose from a variety of different concepts to solve the problem at hand.
We present four suitable coupled approaches introducing their underlying modelling idea and assumptions, their novelty against
previous methods, possible scenarios of application, and limitations in a clinical practise. The quality of presented lung models
is extended via regional validation against clinical measurements. This validation is performed using temporal highly resolved
electrical impedance tomography monitoring. This detailed and for the first time dynamic regional validation generates further
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trust in the presented mathematically derived approaches. Finally the article closes with further steps towards simulation of gas
exchange and local lung perfusion as the ultimate goal of respiratory modelling when ventilation is sufficiently understood.
c 2016 Elsevier B.V. All rights reserved.
⃝
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1. Introduction
The human respiratory system is a fascinating and at the same time a relatively young example of computational
biomechanics and its application in medicine. Classical lung modelling approaches from a physiological/clinical
perspective were until recently mainly limited to data-fitting of single compartment model parameters as
e.g., described in [1,2] rather than based on a sound mathematical formulation of the underlying physics of the organ
at hand. From a mathematical perspective, however, the lung consists of a complex network of branching compliant
tubes spanning a wide range of scales and flow regimes from almost laminar diffusion dominated processes to highly
turbulent and pulsatile flows. Further, at the terminal branches of the airway tree, flow enters into a sponge-like microstructure of lung tissue whose material behaviour is highly non-linear and whose topology is optimised for efficient
gas exchange with small embedded blood vessels.
Recently, various efforts have been made in mechanical and mathematical modelling of the lung to (i) study isolated
effects which are hard to assess in a subject in vivo, (ii) to advance medical imaging and functional diagnostics by
incorporating computational models that are based on the underlying physics, and (iii) to finally assist in patientspecific treatment planning and optimisation.
Important steps towards a mathematical description of lung mechanics have been made by Bates [3] who built an
inverse modelling approach with increasing complexity on mathematically sound formulations. The covered models
range from single linear compartments to generalised multi-compartment models. A continuation of this concepts can
be found in the work by Maury [4] who took up the idea of lumped compartments and describes the extension towards
the lung as a resistive tree — an idea that has been proposed by many researchers in the respiratory field [5–9]. Further,
the solution of the full Navier–Stokes equations for fluid flow is pictured from a very mathematical perspective. In fact,
the most popular group of computational respiratory models consists of very detailed and computationally demanding
fully resolved pure fluid representations of the respiratory system or parts thereof. This mainly includes solutions of the
three-dimensional Navier–Stokes equations on rigid airway geometries [10–18]. As an approach to at least mimic the
real fluid–structure interaction effects, approaches have been published that move the fluid domain using information
from medical imaging data or other assumptions that overlay a known displacement field to the fluid domain, possibly
denoted as “moving fluid” models [19–21]. The fully resolved fluid models are often used for investigating flow
patterns in the lung such as vortices or jets, and for quantifying particle deposition or drug delivery in the upper and
lower airways [22–24]. Due to the high complexity of such models, often only parts of the respiratory system have
been investigated omitting essential effects in the entire organ.
However, a consistent and physiologically realistic representation of respiratory mechanics does not restrain to
investigations in purely fluid mechanical or structural aspects, as the physics of the lung is governed by the interaction
of the two fields. Actually, the way the human lung works is only possible due to deformation of the associated
muscles, the lung tissue and the airway tree. Tissue properties and local deformations clearly influence airflow
and transport processes e.g., of aerosols and gas exchange. Further, the investigation of processes during expiration
requires a storage possibility for inhaled volume and there is actually only a very little number of studies available in
respiratory mechanics which are able to simulate expiration.
Therefore, in this work we focus on the realisation of coupled models in respiratory mechanics which consistently
incorporate the interaction between different fields and scales present in nature. The resulting next generation of
respiratory models consists each of a Newtonian fluid and a non-linear viscoelastic structural domain. The concept
of dimensional reduction, which is very successfully applied e.g., in models of the circulatory system, is introduced
for the lung with its specific requirements. From this complexity it becomes clear that there is no “one-size-fits-all”
approach possible, but one has to choose from a variety of available computational models to find the best solution
strategy for the problem to be solved. We introduce four suitable models with different levels of complexity and
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Fig. 1. Lung model overview. Each of the four coupled models consists of conducting airways and lung parenchyma. Each of these two building
blocks can either be realised as fully resolved field denoted as 3D or as a reduced-dimensional representation denoted as 0D.

computational requirements. Each model is clearly motivated in its assumptions, encompassed to previously existing
approaches, briefly sketched in its formulation and discussed in its applicability for possible areas of research at hand.
This part of the article can be seen as a logical continuation of overviews and discussions of modelling ideas as given
in Bates [3] and Maury [4] including current achievements published in the field.
In the second part of the paper, two possible extensions of the presented respiratory models are discussed. First, a
validation approach for regional airflow in a subject in vivo is presented as a computational realisation of the clinically
used electrical impedance tomography (EIT) monitoring. Second, a further step is made from regional ventilation
towards gas exchange and the first investigations in perfusion of the lung based on a patient-specific circulatory tree.
This part of the article gives a summary of the current state of the art in validating respiratory models and provides
possible directions for further research in this particular field of computational biomechanics.
2. Coupled computational models of the respiratory system
In the subsequent section, various coupled approaches in respiratory mechanics will be introduced and discussed
as presented in Fig. 1. Starting from the most general (and complex) fully resolved 3D models for conducting
airways and lung tissue, successively further assumptions will be reviewed that allow simplification towards easier and
computationally cheaper tree-like 0D representations still accurately representing the underlying physics. A specific
focus will be put on the interaction between airflow and tissue behaviour in terms of consistent coupled computational
models for respiratory mechanics. Possible fields of application will be given for each model to guide the reader
towards the best solution strategy for a given clinical or research question.
We start with the most complex model in our table. This is in contradiction to the classical engineering approach
of starting simple and getting more complex if needed. However, in our opinion this is well justified since, amongst
others so little can be measured in the respiratory system that often the only way to check certain assumptions or
effects is given by the most advanced models.
2.1. Fully resolved three-dimensional lung model (3D/3D)
2.1.1. Motivation and model description
The first and most general approach in our overview is motivated by the fact that certain questions in respiratory
mechanics require both a fully resolved deformable three-dimensional fluid domain and a realistic three-dimensional
structural representation of the lung. However, these two fields are not behaving independently from each other but
are coupled in its action and reaction. First, the embedding of the tree in surrounding lung tissue provides realistic
additional strength against local collapse and hyperinflation of both airways and lung tissue. Secondly and even more
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Fig. 2. Exemplary inflation states for incompressible lung tissue doubling the enclosed volume of air in the parenchyma block while the volume of
tissue remains constant.
Source: Geometry taken from [30].

important, flow throughout the conducting airways is naturally coupled to regional inflation of the respiratory part of
the lung.
Therefore, a core element and the main novelty of the approach denoted as 3D/3D compared to previous fluid,
moving fluid, and fluid–structure interaction (FSI) approaches of the bronchial tree [25–28] is the mutual volumetric
coupling between fluid flow and regional deformation of lung tissue [29]. We resolve conducting passages of the tree
only as far as necessary for the current investigation and model all downstream passages as a kind of homogenised
solid domain of lung tissue containing alveolar walls, small airways and blood vessels. This homogenised tissue is in
the following referred to as parenchyma. The introduced volumetric coupling approach respects inflation of a tissue
region dependent on the fluid flow leaving the associated tree outlet. Vice versa deformation of a tissue region e.g., via
contraction of the associated muscles, creates a volume flow at the current fluid outlet and drives airflow throughout the
tree. This is remarkable as apart from a zero-pressure at the mouth/nasal cavity there is no need to impose additional
boundary conditions to the deformable fluid domain for such a scenario.
The underlying well justified assumptions for this and for all following models are that air can be seen as a
Newtonian fluid and the flow as incompressible in the physiological regime (Mach number below 0.2 [31]). Further,
airway walls and small blood vessels in the parenchyma can be seen as incompressible due to their high water content
and the well-grounded assumption that water can be seen as incompressible at the timescales relevant in respiratory
mechanics. Therefore, all air which leaves the compliant airways and enters a region of lung tissue has to increase
air spaces therein, i.e., the pores of the sponge-like micro-structure (see Fig. 2 for different exemplary states of
parenchymal inflation). The transition from a fully-resolved airway to the homogenised parenchyma can be modelled
without additional transition zone and fully-resolved airways and homogenised parenchyma are directly coupled via
the volumetric constraint [29]. In case the coupling is assigned at lower tree generations, an additional flow-dependent
pressure term can be included in the coupling to account for the resistance of all downstream airways that are not
fully-resolved.
The realisation of this volumetric coupling within a framework of classical fluid–structure interaction is presented
in Fig. 3 and will be briefly sketched for a four outlet case in the following. Airflow in the deformable fluid domain
Ω F is governed by the incompressible Navier–Stokes equations in Arbitrary Lagrangian–Eulerian (ALE) formulation.
The deformation of lung tissue in the homogenised lung tissue Ω S is described via the non-linear elastodynamics
equations. A classical FSI interface denoted as Γ is used to represent the interaction between airflow and deformation
of the airway wall. For each pictured outlet of the fully resolved compliant airways Γ̂ i a volumetric constraint is
introduced that couples fluid flow Q i to the volume change ∆V i of the regions bounded by Γ̃ i in a defined timeinterval. Obviously, the number of outlets and homogenised solid domains is arbitrary and depends on specific
requirements of the question at hand. For more details on the enforcement of the constraint and detailed solution
of the resulting system of equations of the 3D/3D model the reader is referred to [29,32].
2.1.2. Discussion and example applications
In brief, the model presented as 3D/3D in our overview is an FSI problem extended by the idea that all fluid flow
that enters or leaves an outlet of the deformable fluid domain has to change the volume of the associated parenchymal
region inducing deformation.
The advancements compared to pure fluid and moving fluid are apparent. The volumetrically coupled 3D/3D
model induces a consistent deformation of the fluid and structural domains which is governed by the current flow
characteristics and not prescribed from additional information such as imaging data recorded under different or
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Fig. 3. Model schematic for the approach denoted as 3D/3D. The deformable fluid domain is denoted as Ω F , the structure as Ω S and the interface
for classical fluid–structure interaction as Γ . The novel volumetric coupling is realised between the fluid outlets Γ̂ and the structural domains
bounded by Γ̃ . All fluid that leaves an outlet Γ̂ has to increase the volume of its associated region Γ̃ . For easier display the sketch is exemplified
for the main bronchi leading to the five lobes of the lung (left). For the definition of the boundaries of the structural domain a slice of the lung is
used where only four lobar bronchi are visible (right). The marked boundaries correspond to the anatomically correct boundaries of the single lobes
obtained from the CT scan.

ambiguous flow conditions. Further, correct boundary conditions are applied at the last fully resolved generation
of airways of the deformable fluid domain. The other way round, local tissue deformation induces the correct airflow
in the compliant airways without any need of prescribing additional boundary conditions to the fluid. Thereby,
physiologically reasonable kinematic constraints can be imposed on the 3D parenchyma model. The role of the
thoracic cage and the respiratory muscles can e.g., be taken into account using nonlinear spring-dashpot combinations
orthogonal to the deforming lung surface. This allows consistent expiration based on the previously inspired local
volume in each branch. We might annotate that flow entering the domain at each branch does not have a prescribed
velocity profile, but the profile is allowed to develop under the current flow conditions. This requires, however,
stabilisation of backflow into the domain [33,34].
The point of volumetric coupling is to be chosen carefully for each setting. Full resolution of a further generation
of airways in the tree doubles the number of outlets and significantly increases complexity and computational cost.
If this, however, does not come along with simultaneous knowledge of material parameters or sufficient resolution
of imaging data for geometry generation, a further uncertainty is introduced which needs to be taken into account
or could considerably corrupt results and derived conclusions. Previous studies have shown that turbulent effects in
the trachea abate after the 3rd–4th generation [17]. At the level of the 7th generation, the associated tissue regions
correspond to single lung segments with an approximate size of 20–30 mm. This is usually sufficient for most studies
to resolve heterogeneity between different tissue regions obtainable e.g., from imaging data.
With this considerations, one proposed area of use for the 3D/3D model is for example simulation of a fullyresolved strain state during mechanical ventilation of heterogeneous lungs. The fully resolved model is able to quantify
volumetric and isochoric strain components which can be transferred towards loading of the micro-scale using a multiscale coupling approach [35]. This is especially interesting in understanding of the onset and progression of diseases
such as ventilator-induced/ventilator-associated lung injury (VILI/VALI) which are assumed to be linked to excessive
strain and repetitive collapse and opening of alveolar structures [36]. Further, it is possible to drive respiration by local
tissue deformation acquired e.g., from a time series of imaging data over the breathing cycle [37]. In the same course
the model is able to deduce local mechanical tissue properties in an inverse sense by simulating distortion during
inflation and deflation and comparing with imaging data. By this means suspicious tissue regions such as cancerous
areas might be identified. Prediction and tracking of local tumour movement during quiet breathing is also conceivable
and provides valuable information for radiation therapy planning.
The generality of this modelling approach, the interaction between different physical fields and the possible high
resolution of the domains, however lead to computational costs that limit the applicability in a real-time clinical setting.
Although efficient solution strategies have been developed for this problem and show almost optimal scalability
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Fig. 4. Schematic for the 0D/3D model consisting of a fully resolved deformable fluid domain Ω F and a reduced model of lung tissue Ω S realised
as flow- and volume-dependent non-linear boundary conditions P = P(Q, V ). For easier display the sketch is exemplified for five outlets only.

on high performance computing platforms [32], a single breath of the model can take up to more than one day of
computing time. One possibility that builds upon availability of this general approach is the investigation of simpler
models which might show similar results in certain applications but significantly reduce computing time. In the
following, we will now introduce such simplified models for different applications in respiratory mechanics. We
might, however, keep in mind that evaluation of their performance for novel applications might require learning steps
from the fully resolved model.
2.2. Reduced-dimensional structure and fully resolved three-dimensional fluid (0D/3D)
2.2.1. Motivation and model description
A first simplification of the previously described model is applicable if a fully resolved fluid domain (rigid
or coupled with surrounding flexible airway walls) is required, while a three-dimensionally resolved structural
representation can be omitted. At the terminal ends of a fully resolved deformable fluid domain, appropriate boundary
conditions have to be defined representing the omitted lung tissue [4,7,16]. Here, the terminal ends of the fully resolved
tree are defined by the current region of interest, the available computational resources, or simply by the resolution
of available imaging data. The effect of tissue inflation and the resistance of the airways further downstream generate
dynamic pressures at the outlets which are clearly different to the zero-traction or constant pressure ones which
are often used by the biomechanics community [14,15,22,23,28]. Further, there has to be a storage possibility for
outflowing volume during inspiration at each outlet which must allow flow to re-enter the domain for consistent
representation of expiration without prescription of intransparent patient-specific boundary conditions [20].
Therefore, the tissue region associated to each outlet is modelled via a non-linear pressure boundary condition.
Depending on the size of the tissue region and its material properties, a non-linear pressure–volume relationship
P = P(V, Q) can be derived to represent the regional compliance at each outlet (see Fig. 4).
This derivation can for example be realised from detailed experimental and numerical data on an alveolar duct
model [38–40]. Alternatively, regional functional diagnostics can be included and it is generally possible to prescribe
any linear or non-linear function P = P(V, Q) that represents the known regional compliance at each of the outlets.
A generalised Maxwell model which we use as a pressure–volume relationship in this context, has been shown to
represent patient behaviour in the entire range of physiological pressures [9].
One assumption which is inherent in using a functional relationship for flow-dependent outlet pressures is that there
are no recirculation zones occurring across the fluid outlets. We also assume that tree elongation induced by inflation
of lung tissue is small [41]. Thus, there is no significant distortion of the deformable fluid domain especially in terms
of branching angles that could alternate recirculation zones at bifurcations within the domain and associated particle
flow during respiration. We might annotate that the radial expansion of the airway tree, which leads to different
cross sections during in- and expiration or in cases of bronchoconstriction, can be included in this approach via
respecting fluid–structure interaction with flexible airway walls. In such studies the stabilising effect of surrounding
tissue can e.g., be modelled via simple springs with the stiffness of lung parenchyma attached to the outside of airway
walls.
The novelty of the 0D/3D concept is characterised by two core effects: First, a computation of correct pressure
levels at the outlets of the compliant airways is enabled. Second, fluid volume leaving the deformable domain can be

C.J. Roth et al. / Comput. Methods Appl. Mech. Engrg. 314 (2017) 473–493

479

stored and re-enter the domain for consistent modelling of expiration again making use of sophisticated stabilisation
techniques [33,34]. Without such a storage possibility it is not known how much air flows into the domain from
different outlets and additional assumptions have to be included for modelling expiration. This is of particular
importance in the relevant case of heterogeneous lungs. This is also the main difference to previously used Windkessel
or impedance models [16] which might provide a correct pressure niveau but lack the possibility of storage.
The underlying mathematical formulation of airflow is equal to the previous model and governed by the
incompressible Navier–Stokes equations possibly including FSI. The lung tissue region is respected via the nonlinear relationship between the flow Q and the volume V of the attached region to be modelled as integrated volume
over time starting from the fully expired state. One particular established concept here is to compute an equivalent
resistance Req for the airway tree further downstream the current outlet and combine this equivalent resistance with
an averaged compliance C of the lung tissue in question. To avoid iterative solution of the boundary pressure and
the flow leaving the compliant airways at the current outlet, a linearisation of the pressure boundary condition can be
included in the Navier–Stokes equations and directly be solved within the Newton procedure of the fluid problem. For
more details on this computationally efficient approach, the reader is referred to [33].
2.2.2. Discussion and example applications
In summary, the 0D/3D model is a classical fluid or FSI problem extended by a nonlinear boundary condition
for the outlet pressure dependent on current flow into and volume of the tissue to be modelled. For efficiency, the
boundary condition is linearised within the system of equations of the fluid/FSI problem and can be solved within the
same Newton step, i.e., no further iteration loop is needed for computing the boundary pressure.
We put the coupling of a fully resolved deformable fluid domain with resistive airway trees also in this model
category as it shows basically the same effect on the deformable fluid domain. Whether such models are able
to model expiration depends on availability of storage capacity at the terminal ends of the tree. This applies to
[7,13,18,24,42–44].
The novelty against previous approaches seems small, however, it has great impact in the field of respiratory
biomechanics. Without a representation of lung tissue, fluid would mainly flow through outlets with large diameter as
their resistance is small. However, this large airways might lead to tissue regions with increased stiffness or collapse
which significantly hinders incoming airflow. Therefore, ventilation of diseased regions would be over-estimated.
Also, transport of curative aerosols to rehabilitate original lung function in such regions would be overrated. Further,
one needs a storage capacity for lung volume during inspiration which can re-enter the domain during exhalation. This
is also the reason why classical Windkessel or impedance models have to be extended, as they are not able to store the
entire outflowing volume and would lead to mass-loss over the breathing cycle.
In fact, the lung is the only organ in the human body which is passed through in two directions. Interesting
phenomena have, however, so far mainly be investigated during inspiration due to lack of appropriate boundary
conditions. Now, also studies of phenomena which occur during the phase of flow reversal or even after a few cycles are
possible. This might lead to totally different patterns of particle deposition or carbon-dioxide clearance than assumed
today.
In general the 0D/3D approach is recommended to study flow in larger airways that are stiff enough and/or for
small tidal volumes that do not cause too much deformation and distortion of the bronchial geometry. Next to several
examples presented in the introduction [10–18], many investigations in transitional and turbulent flow phenomena
[45–48] and transport [22–24,42,49] can profit from this type of model. Studies, which are claiming that FSI is
not required for the bronchial tree have to be checked carefully [28]. If such statements are made without correct
representation of outflow boundaries, dynamic pressure changes during respiration are purely based on flow resistance
and will be under-estimated. Consequently smaller pressures under-estimate tree deformation in radial direction.
2.3. Fully resolved three-dimensional structure and reduced-dimensional fluid (3D/0D)
2.3.1. Motivation and model description
Analogously to the previously described model also a simplification of the deformable fluid domain is possible
while the structural part of the lung remains fully resolved.
This can be realised via the concept of dimensional reduction of the compliant airway segments well known and
widely used e.g., in cardiovascular mechanics [50,51]. Under certain assumptions (see below), the velocity profile can
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Fig. 5. Schematic of the 3D/0D model with a fully resolved lung tissue and a reduced-dimensional formulation for the compliant airways indicated
as centreline. The pressure P and airflow Q at the fluid outlets Γ̂ are coupled to the inflation of the associated structural regions denoted as Γ̃ . For
easier display the sketch is exemplified for four of the five lobar bronchi visible in this lung slice only (see also Fig. 3). The marked boundaries
correspond to the anatomically correct boundaries of the five lung lobes visible in this lung slice.

be integrated in radial and axial direction towards a zero-dimensional (0D) formulation. This reduced-dimensional
formulation is essentially a relation between pressure and flow in an airway segment and can be used to compute the
pressure drop along the airway tree for a certain flow. The other way round, resulting flow can be evaluated for a given
pressure difference between inlet and terminal ends of the tree. Outlet pressures and flows are further coupled to the
volume changes of the associated structural regions and thus airflow is again linked to structural deformation (see
Fig. 5).
The novelty of this approach lies in the availability of an efficient reduced-dimensional flow model with all benefits
of a fully resolved structure. This covers a fully-resolved and local quantification of stresses and strains in the
parenchyma. Further, an effect known as interdependency [52] is inherent in all fully resolved structural models.
Physically, interdependency is the interaction between neighbouring air spaces which share a common alveolar wall.
If single air-spaces expand or shrink, this influences their neighbours towards shrinking/expansion such that there is
no overlap or gap between them. Interdependence is thus an important concept to add stability to the lung against
local over-inflation or collapse by the stiffness of surrounding tissue. Finally, the 3D/0D model offers a possibility to
prescribe imaging-based regional deformation of lung tissue to a fast reduced-dimensional flow model.
The derivation of such a reduced-dimensional set of equations requires some assumptions. Flow is assumed to
be axisymmetric, fully developed, and all airways are seen as straight. Then the velocity profile can be integrated in
radial direction towards a one-dimensional (1D) formulation. Further, as the pressure wave speed inside a compliant
airway is up to three orders of magnitude higher than actual flow velocity [7], the dynamics of wave propagation can
be omitted if one is interested in an approximate solution on the timescale of fluid flow. On this timescale, the pressure
wave has already travelled through the entire airway segment and therefore, following the derivation in [51], the 1D
formulation can be further integrated in axial direction towards a model known as 0D. This 0D formulation essentially
offers a relationship between pressure drop along and flow through an airway segment. We might annotate that the 0D
approach does not restrict to pure Poiseuille resistance models but can also contain the concepts of airway compliance
and inertia of air, as well as viscoelastic behaviour of airway walls [7,9].
The coupling with the structure will be briefly explained following the idea of a partitioned scheme. Let us
assume that a certain pressure is prescribed at the tracheal inlet. This induces a flow through the reduced-dimensional
compliant airways and a resulting pressure drop across the tree. The resulting outlet pressure at Γ̂ i is then prescribed as
a traction to the surface Γ̃ i and induces a volume change of the region that is bounded by this surface Γ̃ i . This volume
change ∆V /∆t = Q is then handed back to the reduced-dimensional tree outlet and adjusts the flow accordingly
with a relaxation factor and the flow from the previous iteration. This procedure is repeated until computed pressure
and flow are at equilibrium. Obviously, such models can also be solved in a monolithic way more or less as given
e.g., in [29,32]. A similar approach that includes coupling of reduced-dimensional fluid with a poroelastic structure is
given in [8].
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2.3.2. Discussion and example applications
The model denoted as 3D/0D is essentially a combination of pressure and flow computed from well-known
reduced-dimensional fluid models with volume changes and tractions of a fully resolved structure or poroelastic
medium.
This concept is valuable when mainly structural aspects of the lung are to be investigated. Here, the reduceddimensional representation supplies a simple and computationally cheap solution of the fluid quantities and its effect
on structural deformation/inflation.
It is important to mention that even though turbulence cannot be resolved with the reduced-dimensional fluid
approach, the effect of turbulence can be modelled. This means that if the 0D model detects an airway with a higher
Reynolds number than those defined as critical for the straight tube (Recrit = 2300) the resistance will be adapted
following the approach by [7,53,54]. We might further annotate that it is also possible to gain further tree generations
e.g., from a tree-growing algorithm introduced in the next section. This allows finer subdivision of the tissue structure
in smaller compartments and higher resolution of heterogeneity as would be possible with the airway tree segmentable
from imaging data. Finally, to account for kinematic constraints on the lung, additional contributions can be applied
in form of additional tractions on the lung surface which would physiologically e.g., arise from the deformation of the
thoracic cage and the diaphragm.
Possible areas of usage for such an approach are investigations of detailed strain states during mechanical
ventilation. As e.g., VILI/VALI are predominantly influenced by structural stresses and strains [55], a reduction of
the deformable fluid domain might be conceivable. Under the same aspects a full resolution of the deformable fluid
domain might be negligible for diagnosis of regions with suspicious material behaviour or 4D-CT tumour tracking
applications. The main benefit of this approach as compared to the 3D/3D model are the associated computational
costs. In comparison with the 3D/3D model the 3D/0D approach is approximately 10 times faster for the same patientspecific geometry and boundary conditions described in detail in [29].
2.4. Reduced-dimensional lung model (0D/0D)
2.4.1. Motivation and model description
The most efficient and reduced model is the one presented as 0D/0D in our overview (Fig. 1). This approach
combines a reduced-dimensional formulation for compliant airways with a functional relationship between pressure
and volume of the terminal units of the tree. This is conceivable if no fully-resolved velocity profile is necessary for the
current investigation and solely pressure and flow should be computed in the compliant airway segments. Further, on
the structural side many cases only require the magnitude of regional strain while a detailed composition of isochoric
and volumetric components is negligible. Then, a 0D tree of compliant airways with up to 23 generations can be
generated via a tree-growing algorithm [7,56] providing high spatial resolution for 0D/0D modelling.
In fact many extremely efficient models in computational modelling of the respiratory system live from the fact
that the airway tree is a well understood dichotomous branching structure. The branching patterns as well as diameter
and length ratios are very well documented for humans [7,56–59] and for other species such as mice, which are often
used in experiments [60]. This means that no segmentation of the entire tree is required to generate a patient-specific
respiratory model. The hull geometry of the lung and the directional vector of the lobar bronchi are sufficient to
generate a realistic coupled 0D/0D model for each patient individually.
The assumptions for dimensional reduction of the deformable fluid domain are explained in Section 2.3 and are
repeated briefly. The velocity profile of airflow is seen as axisymmetric, fully developed and airway curvature is
neglected for velocity integration in radial direction. For further integration in axial direction the pulsatile character
of airflow is omitted as pressure wave speed is up to three orders of magnitude faster than flow velocity [7]. On a
timescale in which fluid flow is resolved, the pressure wave has already passed through the entire airway segment
in one time step and pressure fluctuations can be averaged along the airway axial direction as described in [51].
These assumptions are perfectly valid under (patho-)physiological conditions and the 0D compliant airways are able
to reproduce the pressure and flow properties of a fully resolved 3D patient-specific fluid domain as shown in [7].
Further, it is assumed that the behaviour of lung tissue at the terminal ends of the tree, i.e., of the alveolar ducts, can
be represented via a functional relationship. Detailed experimental and numerical investigations on alveolar ducts are
available in the seminal work by Denny and Schroter [38–40] and we have shown that our non-linear Maxwell model
perfectly matches static pressure–volume and dynamic curves presented in these studies [9].
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Fig. 6. Schematic of the model denoted as 0D/0D. This model is composed of reduced-dimensional compliant airways Ω F indicated by the
centreline of the bronchial tree generated via a tree-growing algorithm. The non-linear acini Ω S are represented via a Maxwell-model consisting
of (non-)linear springs E 1 , E 2 and dashpots B1 , B2 that mimic the relationship between the pressure difference Pa − Ppl/intr and flow Q i into
lung tissue.

One novelty compared to existing reduced-dimensional models [5,6,8] is the previously explained (see Section 2.3)
ability to take into account and consistently model turbulence effects [7,53,54,61]. Further, the generation-dependent
resistance model by van Ertbruggen [61] is only valid during inspiration. Therefore, the radius reduction of the
convective ducts during expiration is respected via an additional equation for determination of airway radius dependent
on the pressure difference across the wall and viscoelastic airway compliance. In the same course, airways are not
only able to change its diameter but also to fully recruit and derecruit following the dynamic laws derived by the
Bates group [62–64]. As a tissue model we use the non-linear Maxwell model from [9] which has been shown to
be valid over the entire physiological pressure range. A final novelty overcomes the lack of tissue interdependence a main objection against the usage of reduced-dimensional models so far. Recently, this concept has been proposed
for reduced-dimensional lung models [9] to model volume-competition between inflating neighbouring acinar ducts
resolving previous misconception [65].
Fluid flow in the deformable domain Ω F indicated by the centreline of the tree in Fig. 6 is governed by the 0D
formulation for pressure and flow. Flow Q i into the acinar ducts Ω S is then described via the generalised Maxwell
model consisting of (non-)linear springs and dashpots and is dependent on the pressure difference Pa − Ppl/intr .
In case of an acinus that is in contact with the pleura, i.e., the hull contour of the lung, a pleural pressure Ppl
is prescribed. In case the current acinus is located inside the domain it is surrounded by neighbouring acini and
consequently an averaged interdependency pressure Pintr is used. Interdependency is then basically taken into account
by linking external acinar pressures and thus propagate forces between neighbouring acini. Additionally, collapsed
and open states for each airway are computed via virtual trajectories. A decision between fully open and closed state
is dependent on current and previous airway inner pressure, the critical open/closing pressure and time constants for
closure/reopening. For solving the fully problem, the “stiffness” matrices of airways and tissue are assembled into a
single system matrix, a single solution vector containing the pressures P and a single right hand side containing the
fluxes Q. A classical Newton method is then applied to solve the non-linear set of equations. For a more detailed
derivation of the mathematical formulation and solution the reader is referred to [7,9,64]
2.4.2. Discussion and example applications
The last presented 0D/0D model is essentially a dimensionally reduced relationship between pressure and flow
in the compliant airways and in the viscoelastic acini equipped with all properties that are necessary to accurately
describe the underlying physics of the lung. Extensions include interdependency, a literature-based thorax boundary
condition, flexible airways able to collapse and reopen [64], and an acinar model that is valid over the entire
physiological pressure range [9].
Such a model is often sufficient for answering clinical questions especially when considering the quality of input
data. Errors in segmented geometries due to low resolution and contrast in medical imaging might e.g., introduce
errors in velocity profiles such that only averaged flow remains as reliable quantity. Also, local pleural pressure
measurements which are challenging [66] can corrupt a derivation of strain components and sometimes allow
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only quantification of absolute magnitude. Further, time is a critical component limiting computation and detailed
interpretation of fully resolved quantities in a clinical setting. Many more questions arise when trying to bring a
computational model into a clinical setting, i.e. to bedside. An important one might be: “Do we compute something
that is already contained as model input or can possibly never been validated in reality?”, and we will try to provide
an answer in the following section.
The described 0D/0D model actually performs well in many of these points. It is in good agreement with fully
resolved three-dimensional simulations of airflow [7] which underlines the quality of results in realistic settings.
Further, the model is still built on solid mathematical ground and thus requires no extensive fitting as single and multicompartments do. All important phenomena such as interdependence and recruitment or derecruitment are included
and successfully tested in patient-specific examples or experimental animal studies [64]. This patient-specific case also
shows that the 0D/0D approach is 100–500 times faster than 3D/3D for same patient. Further its predictive capability
is verified against clinical measurements [67].
In retrospect, the 0D/0D approach meets several points of motivation that have led to development of computational
lung models. It (i) enables to isolate certain effects computationally e.g., by changing parameters such as peak
ventilatory pressure and allows evaluation of resulting local ventilation. Second (ii) the model gives an additional
insight into regional tissue aeration and mechanical strain distribution which is not obtainable from imaging data.
Finally (iii) the model shows a predictive capability as it is not built upon extensive fitting of clinical measurements
but can be validated against such data globally and regionally (see Section 3.1). Thereby pre-computation of
certain therapy options can be performed and resulting optimal strategies can be applied to the patient only if the
computationally prediction shows improved outcome. Inadequate or high-risk-high-reward settings do not have to be
tested at a real patient.
Possible areas of application of the 0D/0D approach are the investigation of VILI/VALI mainly because the 0D
compliant airways are comparably good as the 3D and because regional strain magnitude is already an extremely
valuable quantity compared to current clinical investigations [68]. Another application is the evaluation of collapse
and the design of possible reopening manoeuvres in silico as one example for high-risk-high-reward manoeuvre.
Further, this model is applicable as relatively robust basic approach for further gas-exchange models.
Potential directions for further research in this context might be the integration of patient-specific thorax boundary
conditions and collapse and reopening computations in a realistic unsymmetrical patient-specific tree geometry
investigating phenomena with high impact hypothesised previously [69].
2.5. Final remarks
In this chapter we presented four different models of the respiratory system which are derived from underlying
physical principles and consistently represent the interaction between fluid flow and tissue inflation in the lung. We
walked down the road from fully resolved towards simpler dimensionally reduced models introducing all necessary
assumptions and resulting limitations. Finally, we end up with a coupled computational respiratory model (0D/0D),
which is both fast to compute and reliable in its quality of clinical prediction. For a number of clinically relevant
questions such models seem to be the most promising approach to deliver patient-specific regional pressure and flow
quantities and to meet the challenge of optimising ventilation in a clinical setting.
The next chapter shows two recent extensions of this model, where the 0D/0D model is subsequently equipped
with an approach for extensive dynamical and regional validation against clinical measurements and used as a basis
for investigations in gas transport and exchange.
3. Two recent extensions
3.1. A possible method of validation for advanced computational lung models
Advanced computational modelling requires rigorous validation. This statement is true even if the models in
question are solely derived from basic physical principles such as the respiratory models proposed in the previous
section, as well as for those existent in literature. However, such a detailed validation is often difficult. One reason
is that many quantities that can be computed easily with models in silico are hard to assess in a subject in vivo
or are not measurable at all. Investigations that would interfere with planned treatment, high radiation doses in
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Fig. 7. Validation of computational lung models in terms of detailed dynamical regional ventilation using a virtual EIT module. Regional air
content in terms of acinar volumetric strain is provided by the presented lung models (left). This regional air content is converted to regional
conductivity and virtual EIT imaging is performed on the patient’s real thorax with the marked electrode positions (middle). The computed virtual
EIT voltages are reconstructed in the electrode plane and the image showing computed ventilation can be compared to the measured EIT image
(right).

imaging or invasive measurements should not and cannot be realised in a clinical setting to cross-check results that
are obtained from mathematical models. In a few cases, it also remains ambiguous which data have been used for
model generation and thus are not allowed to be used for validation of actually something that has already been model
input.
Therefore, we follow a different approach and build a verification method on top of the respiratory model to
deduce data that actually can be verified. This verification method is based on the clinically used monitoring method
of electrical impedance tomography (EIT) [70]. EIT is a non-invasive, radiation-free imaging modality with low
spatial and high temporal resolution that allows the assessment of regional ventilation distribution at bedside. In
commercially available EIT systems a set of electrodes is placed on the patient’s chest circumference in one plane.
To generate EIT images, small alternating currents are generated at high frequency, usually between adjacent pairs of
electrodes. The resulting potential differences are detected by the remaining set of electrodes. By rotating the current
injection pair around the chest circumference, a set of N = 208 voltage measurements is obtained if 16 electrodes
are used. This data is subsequently used for image reconstruction using a difference reconstruction algorithm such as
the Graz consensus reconstruction algorithm for EIT (GREIT) [71]. The resulting image visualises dynamic regional
changes in electrical bioimpedance of lung tissue and thus the amount of regionally contained insulating air against
a predefined baseline, usually the fully expired state. If more air is contained in the alveoli, tissue bioimpedance will
increase locally, resulting in higher voltage measurements for the corresponding region.
A detailed description of the coupling of respiratory models with EIT can be found elsewhere [67] and we will limit
to the main ideas here visualised in Fig. 7. Regional ventilation comes from any of the previously described models.
This ventilation can be transferred towards a local tissue conductivity using experimental or computational data
[72–74]. This conductivity data are mapped to a real thorax model of the current patient. EIT electrodes are positioned
in the model where they are placed on the real patient and virtual EIT monitoring is performed computationally
applying the same stimulating currents to the patient as is done in reality. Voltages can then be computed solving
the Laplace equation and be compared to clinically measured voltages for the same stimulation patterns. Further,
similar image reconstruction algorithms [71] can be used to reconstruct a regional distribution of conductivities in the
imaged plane at a temporal resolution of 50 Hz. This allows a highly dynamic and regional validation of computed
and measured regional ventilation for any ventilation protocol.
As EIT imaging is not used for generation of the respiratory model, this can be seen as rigorous and clinically
realisable validation method for the next generation of personalised coupled respiratory models. With virtual EIT
being a computational replication of clinical EIT measurements, it is important to consider potential limitations
of the EIT principle also for model validation. One major factor in this context is the low spatial resolution of
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Fig. 8. Coupling of models of the respiratory and circulatory system. The entire lung model consists of the respiratory (top row) and the circulatory
system (bottom row). The respiratory system includes the conducting airways, pulmonary acini and the inter-acinar tissue presented in Section 2.
The circulatory system consists of arteries, capillaries and veins which are connected via the heart. Oxygen exchange takes place between the acini
and the capillaries via diffusion across a defined interface for each acinus (see Section 3.2.2).

EIT, which means that the computational lung model usually delivers results at higher resolution (depending on
the resolution of the CT data used for model generation, usually approximately 2.0 mm) than reconstructed EIT
images (resolution approximately 2.0 cm). Consequently, rigorous validation can only be ensured on the spatial
resolution of the EIT. For validation of e.g., computed dynamic heterogeneity during ventilation, the spatial resolution
of EIT in combination with its high temporal resolution is, however, well suited [75]. A further important aspect
is that changes in regional conductivity are not only a consequence of air content, but also of the distribution of
electrically conductive blood flowing through the pulmonary arteries, capillaries and veins. Therefore, more accurate
validation with clinically measured EIT would require the pulmonary circulation to be modelled as presented in
Section 3.2.
In conclusion, we believe that virtual EIT offers a fast and easy realisable validation method for many kinds of
personalised respiratory models. It is the first approach that allows validation of computed regional strains in the
lung—a quantity which has recently been directly linked to the onset and progression of respiratory diseases [55].
Further, EIT is currently the only known method applicable in the intensive care unit without doing any harm to the
patient. The fact that no additional fitting is required for the virtual EIT, the possibility for continuous verification in
real time with the computation of ventilation, and the availability of the virtual EIT images in a clinically familiar
format hopefully generate further trust in computational lung modelling. On the computational modelling side, a
detailed validation of the developed models offers a chance for identifying and improving potential limitations of the
proposed coupled approaches if required.
3.2. Towards a reduced-dimensional entire lung model including gas exchange
Up to now several realistic models have been presented to investigate ventilation under various conditions.
However, while being able to get a lot of important information like for example regional ventilation and tissue
strains, so far it is not clear, if optimised regional ventilation leads to expected and desired gas transport and exchange
between air and blood. Therefore, in this section, a one-dimensional model of the pulmonary circulatory system is
derived and connected to the 0D/0D respiratory model. The resulting entire lung model (Fig. 8) enables a coupled
simulation of airflow, tissue inflation, and perfusion which can be used e.g., to evaluate the suitability of different
ventilation protocols with regard to sufficient blood oxygenation.
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3.2.1. Geometry generation
In the human lung, the vasculature is situated in close vicinity of the airway tree. Pulmonary arteries branch and
lie parallel to the airways, whereas pulmonary veins lie between the airways and the pulmonary arteries [58]. Based
on this anatomical knowledge, pulmonary blood vessels are generated from the reduced-dimensional airway tree.
At each branching node of the airway tree, a translation vector a is computed to shift the nodes of the associated
arterial tree, i.e.,
a = (rart + raw )

ud1 × ud2
||ud1 × ud2 || 2

(1)

with ud1 , ud2 denoting the orientation vectors of the daughter branches d1, d2 and rart , raw being the radii of the artery
and associated airway. The radius of each artery is given by
r̃art = r̂art;G ∗ f = rart;0 2−G/3 ∗

raw
r̂aw;G

(2)

where rart;0 refers to the radius of a pulmonary artery at generation zero and r̂art;G is the average radius of an artery in
generation G according to [58]. To maintain the natural asymmetry in the arterial tree, r̂art;G is multiplied by the ratio
f of the artery’s corresponding airway radius raw to the mean airway radius of this particular generation r̂aw;G . After
calculation of the volume of the generated arterial tree Ṽart , the arterial radius is corrected by a factor αart = Vart /Ṽart
to match the patient’s actual arterial volume Vart , i.e., rart = r̃art ∗ αart .
To create a geometry of the pulmonary veins, each branching point b of the airway tree is first shifted to the
midpoint of the associated daughter nodes. Hence, the following translation vector is applied
v1 = (xd1 + xd2 )/2 − xb

(3)

with xb , xd1 , xd2 denoting the location vectors of the branching and daughter nodes, respectively. Subsequently, the
modified tree is translated analogously to the arterial tree using the nodal translation vector v2 given by
v2 = −(rven + raw )

ud1 × ud2
||ud1 × ud2 || 2

(4)

where the minus sign indicates an inversion of the translation vector compared to (1) and rven is the venous radius
r̃ven = r̂ven;G ∗ f = rven;0 2−G/3 ∗

raw
.
r̂aw;G

(5)

Again, the natural asymmetry in the venous tree is accounted for by multiplying the average venous radius r̂ven;G by
f . After calculation of the volume of the generated venous tree Ṽven , the venous radius is also corrected by a factor
αven = Vven /Ṽven to match the patient’s actual venous volume Vven , i.e., rven = r̃ven ∗ αven .
Between each terminal artery and vein, a network of capillaries is grown in an iterative manner based on the
following assumptions: (i) the network consists of two connected, symmetric trees; (ii) each tree is bifurcating [76];
(iii) the fixed length to radius ratios are lrartl = 12 for arterioles and lrvenl = 14 for venules [77]; (iv) the venules
radius to arterioles radius ratio rva is 1.44 [77]; (v) the terminating blood capillary radius rterm is 4 µm [78]; (vi) the
daughter to parent radius relationship αdp is 0.51/3 following Murray’s law [79] for laminar flow.
The total volume Vartl of arterioles in a tree of N generations then reads
Vartl = Vartl;0

N
N


(αdp )3n 2n = π(rartl;0 )3 lrartl
(αdp )3n 2n
n=0

(6)

n=0

where rartl;0 and Vartl;0 refer to the radius and the volume of the root arteriole in the tree of capillaries, respectively.
Similarly, the total volume Vvenl of venules in a tree of n generations is given by
Vvenl = π(rvenl;0 )3 lrvenl

N
N



3
(αdp )3n 2n = π rartl;0 rva lrvenl
(αdp )3n 2n .
n=0

n=0

(7)
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Hence, the overall volume of the capillary network connecting a terminal artery and vein can be calculated as follows
N


Vcap = π(rartl;0 )3 lrartl + (rva )3 lrvenl
(αdp )3n 2n .

(8)

n=0

At the same time, Vcap is given by
Vcap = Vcap;tot

Vac
Vac;tot

(9)

where Vcap;tot , Vac , Vac;tot denote the patient’s overall capillary blood volume, the volume of the associated acinar
tree, and the total volume of air in the respiratory zone. From (8) and (9), the number N of generations minimising
||rartl;0 (αdp ) N − rterm ||2 is determined iteratively.
For our patient taken from [9] the total volumes of blood in pulmonary arteries, veins, and capillaries are set to
Vart;tot = 135 ml, Vven;tot = 235 ml, and Vcap;tot = 80 ml, respectively [80]. Using this data, pulmonary circulation
models created based on the procedure described above show a very good agreement with reported morphological
measurements [58].
3.2.2. Mathematical model
For simulating blood flow in the pulmonary circulatory system, the same set of governing equations as for 1D
deformable pipe flow is used [50,51].
The transport and exchange of oxygen is formulated in terms of the concentration of oxygen in a fluid defined by
cs =

n O2
Vf

(10)

where n O2 is the number of moles of oxygen and Vf the volume of fluid (i.e., air or blood) in which O2 is dissolved.
In pulmonary mechanics, oxygen concentration is measured by the O2 partial pressure which is, however, defined
differently in air and blood. The oxygen partial pressure in air PO2 ;air is the amount of pressure O2 contributes to the
atmospheric pressure, reading
PO2 ;air
(11)
RT
with R denoting the gas constant and T being the temperature in degrees Kelvin. The oxygen partial pressure in blood
PO2 ;bld is defined via a saturation curve [81] as the volume of oxygen that is absorbed by haemoglobin when exposed
to air with a certain oxygen partial pressure, i.e.,


(PO2 ;bld )ξ
VO2 ;sat
cs =
(12)
Vm Vbld (PO2 ;bld )ξ + ( P̃O2 )ξ
cs =

where ξ = 2.5. VO2 ;sat denotes the 100% saturation volume of oxygen in blood, Vm = 22.4 l/mol refers to the molar
volume of any gas at standard temperature and pressure, Vbld is the volume of blood, and P̃O2 is the oxygen partial
pressure at 50% oxygen saturation.
To formulate the one-dimensional transport equation of oxygen, it is assumed that O2 (i) is mixed fully within a
cross-sectional area and (ii) is neither deposited nor generated except at the O2 exchange interface. The balance of O2
molecules in an infinitesimal 1D pipe element (with length dx, volume V , and cross-sectional area A) then reads




∂(cs V )
dx
dx
=J x−
−J x+
(13)
∂t
2
2
with
∂cs (x)
(14)
∂x
being the O2 flux including convective and diffusive transport. Q is the flow rate of the fluid carrying O2 and DO2 refers
to the O2 diffusion coefficient. If the right-hand side of (13) is replaced by a first-order Taylor series approximation
J (x) = Qcs (x) − DO2 A
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and higher-order terms are neglected, (13) becomes
∂ A ∂cs
∂cs
∂V
∂cs
∂Q
∂ 2 cs
+ cs
= −Q
dx − cs
dx + DO2 A 2 dx + DO2
dx.
∂t
∂t
∂x
∂x
∂x ∂x
∂x
Introducing the plain strain assumption and the mass conservation of the fluid carrying O2 , i.e.,
V

∂Q
∂A
=−
,
∂x
∂t
the equation finally describing O2 transport is given by

(15)

(16)

∂cs
Q ∂cs
∂ 2 cs
1 ∂ A ∂cs
+
= DO2 2 + DO2
.
(17)
∂t
A ∂x
A ∂x ∂x
∂x
Eq. (17) is solved explicitly in time using an upwind forward Euler scheme. Hence, the concentration of oxygen is
only prescribed at an inflow boundary. At a junction, it is assumed that O2 fully mixes and the volume of the junction
is negligible. Consequently, all daughter vessels have the same concentration of O2 , which in case of a bifurcating tree
equals the concentration of O2 in the parent vessel.
With (17), the transport of air can be described in both the airway tree and the pulmonary circulatory system. The
exchange of O2 between air and blood happens at the acinar level. In this work, each terminal airway is associated
with one terminal artery and one terminal vein. Hence, each capillary network can be assigned to one acinus. To model
the diffusion of oxygen from a high O2 concentration medium (i.e., the air in the acinus) to a low O2 concentration
medium (i.e., the capillary blood), Fick’s law is used [82,83]. Hence, the volumetric flow rate Q O2 of the O2 molecules
at the interface reads


Q O2 = D I PO2 ;air − PO2 ;bld .
(18)
The interface diffusion constant D I is given by
I
D I = DO
2

AIO2

(19)

h IO2

I is an O diffusion constant, h I is the O interface thickness, and AI is the total common surface between
where DO
2
2
O2
O2
2
the alveoli and the blood capillaries. In [84], the overall alveolar surface area Aac of an acinus with volume Vac which
is composed of Nad alveolar ducts based on the model of Denny and Schroter [39] has been derived. Knowing that
90% of the alveolar surface is in contact with blood capillaries [85], AIO2 is obtained as



√ 
AIO2 = 0.9Aac = 0.9Nad 168 + 345 3

Vac

2/3
√

288Nad 2

.

(20)

3.2.3. Parameter identification
Capillaries are known to make up most of the resistance and least of the compliance of the pulmonary circulatory
system [86]. Consequently, each capillary network can be assumed as a stiff resistive tree with an overall resistance
given by Poiseuille’s law
Rcap =

Nres 

n=0

8µbld L artl;0
2n π(αdp )3n (rartl;0 )4


+

Nres 

n=0

8µbld L venl;0
2n π(αdp )3n (rvenl;0 )4


(21)

where µbld , L artl;0 , and L venl;0 denote the blood viscosity, the initial arteriole and venule length, respectively. Due to
the large number of bifurcations, the effects of the very small blood vessels disappear [57]. Following [76], only the
contributions of capillary generations with radius greater or equal to rres = 0.15 mm are taken into account in (21).
Hence, the number of considered capillary generations Nres can be determined from rres = (αdp ) Nres rartl;0 .
In healthy adult humans, the arterial stiffness E art is four times higher than the venous stiffness E ven [85]. Apart
from this information, however, little is known about the material properties of the pulmonary blood vessels. Assuming

C.J. Roth et al. / Comput. Methods Appl. Mech. Engrg. 314 (2017) 473–493

489

constant arterial and venous stiffness in the pulmonary circulatory system, E art can be found iteratively by solving the
following problem
minimise

f P = |PPV;max − Psystolic | + |PPV;min − Pdiastolic |



Q max 1 + cos(2π t/Tsys ) 0 ≤ tcyc ≤ Tsys
subject to Q PV (t) =
Tsys < tcyc < Tdia ,
0
E art
E ven =
4
fP

(22)

where Q PV is the blood flow rate at the pulmonary valve, Q max is the peak pulmonary valve flow rate, tcyc = t −n cyc T ,
n cyc is the cardiac cycle number, T = 1 s is the period of a cardiac cycle, and Tsys = 0.3 s is the period of
the systolic phase. PPV;max and PPV;min denote the peak and minimum pulmonary valve blood pressure, whereas
Psystolic = 23 mmHg and Pdiastolic = 4 mmHg are the systolic and diastolic blood pressure, respectively. The cardiac
T
output is taken to be T1 0 Q PV dt = 5 l/min and the blood pressure at the atrium side is prescribed as 0 mmHg. The
viscous constant of the blood vessel wall γs is given by
γs =

Ts tan(φs )
Ts tan(φs ) √ h s E s
βs =
π
4π
4π
1 − νs2

(23)

with νs denoting the wall Poisson ratio, E s referring to the wall Young’s modulus, φs = 11◦ , and Ts = Tsys [87].
The wall thickness h s can be found using the empirical model described in [76]. Solution of the optimisation problem
resulted in an arterial stiffness of E art = 250 kPa which successfully reproduced the systolic and diastolic blood
pressures. The mean pulmonary pressure fell within the measurable data of [88].
All parameters associated with oxygen transport and exchange can be taken from literature. The oxygen partial
pressure in blood at 50% oxygen saturation is P̃O2 = 26 mmHg [81] and the 100% saturation volume of oxygen
in blood is VO2 ;sat = 0.208Vbld [83]. The oxygen diffusion coefficients in air and blood are found to be DO2 ;air =
22.34 mm2 s−1 [89] and DO2 ;bld = 2 · 10−3 mm2 s−1 [90], respectively. Furthermore, the diffusion coefficient of
I = 3 · 10−9 mm2 s−1 mmHg−1 [83]. In [84], the
the alveolar interface separating air from blood is found to be DO
2
O2 transport model parameters defined above were shown to reproduce physiologically reasonable results in simple
numerical experiments.
3.2.4. Numerical example
To illustrate the capability of the presented entire lung model, the distribution of PO2 is studied in a patient-specific
lung model for which the ventilatory part is in detail presented in [9]. Mechanical ventilation of a 42 year old patient
(functional residual capacity VF RC = 2.65l, total lung capacity VT LC = 4.76l) is simulated for supine position and
volume controlled mechanical ventilation. The ventilator is modelled as

(Ncyc − 1)T ≤ t < (Ncyc − 1)T + Tq
 Q t = 500/Tq ml
Q t = 0 ml
(Ncyc − 1)T + Tq ≤ t < (Ncyc − 1)T + Tq + T0
(24)

Pt = 0 cmH2 O
(Ncyc − 1)T + Tq + T0 ≤ t < Ncyc T
where T = 4 s is the total period of a mechanical ventilation cycle, Ncyc is the ventilation cycle number, Tq = 1.5 s
is the period of time in which air is enforced into the lung, T0 = 0.25 s is the period of time in which air is trapped
inside the lung, Q t is the tracheal flow rate, and Pt is the tracheal pressure. Pleural pressure is obtained from a
literature-based thorax boundary condition [91] and gravity is accounted for in supine positioning.
A fixed heart rate of 60 beats per minute and a cardiac output of 5 l/min are prescribed at the pulmonary
ventricle. The circulatory system is subjected to an external pressure equivalent to pleural pressure and to the blood’s
gravitational pressure
Pbld;g = ρbld ⟨x − x0 , g ng ⟩

(25)

where ρbld is the density of blood, x is the spatial coordinate of any point in the lung, x0 is a reference point defined
as centerpoint in gravitational direction ng , and g is the acceleration due to gravity. At the terminals of the pulmonary
veins, the atrium is supposed to have a zero pressure.
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Fig. 9. Distribution of PO2 in the respiratory zone (left), blood capillaries (middle), and pulmonary veins (right) of the healthy (top) and diseased
(bottom) mechanically ventilated lung in supine position.

The distribution of oxygen is simulated in both a healthy lung and a simple model of a diseased lung. In the latter
case, all peripheral conducting airways within a region of 5 cm away from the back are occluded. In both cases, a time
step of ∆t = 1 ms is used and a periodic steady-state is computed.
The spatial distribution of PO2 in the mechanically ventilated healthy and modelled diseased lung are shown in
Fig. 9. It can be clearly observed that in the diseased lung only the blood within the healthy (i.e., recruited) section is
oxygenated. Consequently, the average blood PO2 returned back to the heart drops from 111 mmHg for the healthy
lung to only 70 mmHg for the diseased lung.
3.2.5. Discussion
Computation of the spatial distribution of oxygen partial pressure PO2 provides an important insight as it shows
for the first time the effect of deteriorated ventilation on oxygenation and perfusion locally. For investigations in
respiratory mechanics, such an approach opens up new possibilities. First, processes in oxygenation and CO2 clearance
e.g., during high-frequency ventilation [92] which are not fully understood today, can be simulated. Further, patientspecific ventilatory treatment can be improved by guiding ventilation in a way such that not only ventilation but also
perfusion is maximised. In our simulated derecruited patient example, this would potentially lead to more pronounced
ventilation in the ventral region, however, also the perfusion during and after a recruitment manoeuvre would be
extremely interesting.
Compared to previous approaches of oxygen transport [4,93] our approach is computed on a realistic patientspecific representation of both airways and blood vessels with perfect match of anatomical data [57,58]. For further
extension of the gas exchange model, several directions are proposed in the following: First, the assumption of
homogeneous distribution of oxygen within an airway/vessel cross-section might be limited for certain respiratory
patterns such as the previously mentioned high-frequency ventilation [92] and needs further investigation. Also, in
many cases, respiratory dysfunction comes along with changes in shape or thickness of the blood-gas barrier in
the alveolar wall and thus can significantly slow down diffusion processes. In such cases, regionally varying diffusion
constants would be necessary to adequately model compromised gas exchange and to correctly estimate the transferred
amount of oxygen.
Still, the proposed model of oxygen transport outlines the primary function of the lung: gas exchange. This
exchange process is not only governed by regional ventilation but also by the heterogenity of perfusion due to
body posture or a patient’s anatomy of the blood vessels. An important message from this section is that, in
reality, optimising ventilation is far more complex than improving pure respiratory quantities. Finally, the pulmonary
circulation and the gas exchange with the respiratory system have to be included in future entire lung models
addressing the challenge of optimised personalised ventilation.
4. Conclusion
The main conclusion of this article is that realistic respiratory models based on the underlying physics of airflow
dynamics and tissue properties is more powerful than existing clinical/physiological black-box parametrisations of
global lung behaviour based on functional measurements. Accurate mathematical descriptions of the lung, however,
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require to model the coupling between airflow and lung tissue to fully include all essential features of the respiratory
system.
Different clinical and scientific questions and the variety of physical fields and scales of the respiratory system and
their interaction consequently call for the application of different models at different levels of complexity tailored to
the current problem under investigation. Sophisticated and computationally extremely expensive fully resolved models
should only be applied where inevitable for an insight into single details and simpler approaches can be integrated
for other effects to ensure an optimal use of the available computational resources in answering the current problem.
Simulations of transitional and turbulent flow phenomena in the upper airways e.g., require fully resolved threedimensional models, whereas purely quantification of pressure and flow distributions in the higher tree generations
can be modelled using the concept of dimensional reduction. This clearly shows that there is no “one-size-fits-all”
approach in respiratory mechanics, but rather a need for a toolbox of modern methods in computational biomechanics
which can be combined and adopted to suit problem-specific needs.
Once validated with classical lung function measurements on a global, and electrical impedance tomography (EIT)
images on a highly dynamic and local scale, an appropriate computational lung model can present its predictive
character to (i) study isolated effects which are hard or not at all to assess in a subject in vivo, (ii) to advance medical
imaging and functional diagnostics by incorporating computational models that are based on the underlying physics,
and (iii) to finally assist in patient-specific treatment planning and optimisation.
One ultimate goal in respiratory modelling must be the simulation of gas exchange and lung perfusion as soon as
ventilation is sufficiently understood. In this article, we made further steps towards this goal with the first realisation
of gas exchange on a patient-specific pulmonary circulatory tree giving a direction for potential future research in this
particular field of computational biomechanics.
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