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Abstract
Mechanical stretch under both physiologic (breathing) and pathophysiologic (ventilator-induced)
conditions is known to significantly impact all cellular compartments in the lung thereby playing
a pivotal role in lung growth, regeneration and disease development. In order to sensitively and
specifically evaluate the consequences exerted by mechanical forces on the cellular level, in vitro
models using lung cells on stretchable membranes have been developed. Only recently have some
of these cell-stretching devices become suitable for air-liquid interface cell cultures, which is
required to adequately model physiologic conditions for the alveolar epithelium. To reach this
goal, a membrane for cell growth balancing biophysical and mechanical properties is critical to
mimic (patho)physiologic conditions. In this review, we i) provide insight into the relevance of
cyclic mechanical forces in lung biology, ii) describe the physiologic range for the key parameters
of tissue stretch in the lung and iii) discuss the currently available in vitro cell-stretching devices.
After assessing various polymers, we conclude that natural-synthetic copolymers are promising
candidates for suitable stretchable membranes used in cell-stretching models. This article will
provide guidance on future developments in biomimetic in vitro models of the lung with the
potential to function as a template for other organ models (e.g. skin and vessels).
Keywords: tunable polymeric membrane, porous ultra-thin scaffold, alveolar-capillary barrier,
air-liquid interface cell culture, in vitro cell-stretching model
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1. Introduction
Respiratory diseases such as chronic obstructive pulmonary disease (COPD) and asthma are
among the leading causes of death worldwide and will be the third leading cause of death by 2020.
In the US alone it is estimated that the direct and indirect healthcare expenditure of COPD will be
$50 billion

[1]

. In spite of the expected increase in prevalence of chronic lung disease, there are

currently no cures – only symptomatic therapies and lung transplantation for end-stage disease
patients [2,3].
The lung gains its most critical and sophisticated functionality through the defined arrangement of
an extracellular matrix (ECM) which is maintained and populated by a variety of ca. 60 different
cell types. All of the different cellular compartments in the lung face a continuous but dynamic
environment due to mechanical forces occurring with each breath. The main pulmonary function
of gas exchange at the epithelial-endothelial interface goes hand in hand with the surveillance of
complex environment-host interactions. Although these critical functions are enabled by the
presence and interaction of various cell types, direct exposure to gases and airborne particles,
including cigarette smoking, combustion/industrial/occupational emissions or inadvertently
released (nano-)particles from consumer products is known to put the lungs at risk for
environmentally induced diseases outlined above [4].
In light of the urgent need for further research into the mechanisms of lung disease and novel
therapeutic concepts, experimental approaches have largely utilized animal models or isolated
primary cells [5,6]. Despite sophisticated effort in this research field, translation of promising drug
candidates from animal, mostly rodent, models into the clinical setting often fails. In order to meet
this need, an increasing number of biomimetic in vitro and ex vivo lung tissue models have been
developed to i) study specific cellular effects and ii) translate observations into the clinic.

Efforts toward more biomimetic in vitro cell models include multi-cell co-culture models
consisting of up to five different cell types and the shift from cell lines to potentially more
physiologic primary cell cultures, which includes the most recent lung-on-a-chip technology [7]. In
recent years, these efforts also started to recognize the role of mechanical stimuli, that not only
play a role in lung development and regeneration, but when pathologic, have also been shown to
have a role in disease onset, mitigation and chronicity [8,9]. Mechanical stretch has been shown to
modify cell proliferation, differentiation, secretion, and migration through regulation of specific
signaling pathways leading to changes in gene expression and protein synthesis

[10,11]

. Figure 1

depicts an overview over the most relevant mechanisms induced or impacted by a cellular stretch.
Despite acknowledging of the importance of mechanical forces to mimic (patho)physiologic
conditions (and thus reliably study relevant treatment and injury mechanisms), only a very limited
number of in vitro models allow mechanical stretching of pulmonary epithelial cells. Moreover,
nearly all of these models were designed for non-physiologic submerged conditions with cell
culture medium completely covering the cells, rather than physiologic air-liquid interface (ALI)
culture conditions (Figure 2a), where epithelial cells are exposed to air resulting in cell
polarization and secretion of a protective liquid layer such as mucus and/or alveolar lining fluid
[10,12–16]

. This was mainly owed to establishing feasibility, i.e. the technological simplicity of

submerged cell culture systems. Only a few of these cell-stretching devices are commercially
available (e.g. Bioflex® culture plate, Flexcell International Corp., USA) and thus there has been
a challenge of bringing these setups to biologists with expertise in pulmonary biology (Figure 2e).
On the other hand, the advantages of cell and tissue-based bioreactor systems includes the creation
of biomimetic culture conditions that significantly improve the physiological relevance of cell and
tissue cultures by controlling microenvironment parameters and facilitating mass transfer of

nutrients

[17–20]

. Nonetheless, one of the main limitations of the currently available stretchable

systems is the lack of suitable membranes which are both suitable for ALI cell culture conditions
and closely mimicking the physiologic conditions in the lung.
In order to address these questions, the present review focuses on in vitro devices for cyclic stretch
as well as ALI culture conditions of pulmonary epithelial cells, which have been developed in the
past decade (Figure 2b). The technical aspects of these systems are presented and the physiologic
implications of stretch on cellular function and biological response as well as membrane design,
candidate materials, and manufacturing processes are reviewed. Furthermore, the potential of
alternative membrane materials for improved biomimetic characteristics are discussed.

2. Stretch-related lung biology
Lung has a complex architecture partitioned into 23 generations of airways enabling oxygen
transport and carbon dioxide transport in and out of the blood, respectively, via the large air-liquid
interface presented by the surface area of the alveolar tissue (gas exchange region of the lung) [21].
Figure 3a depicts the whole murine lung from trachea, bronchus, bronchioles (I-II) down to the
typical three-dimensional honeycomb architecture of the alveoli (III-V). The surface of the lung is
covered with epithelial cells, which represent the interface between air and liquid (tissue) typically
referred to as ALI. Strictly speaking, the entire epithelium is not directly exposed to air, since
epithelial cells secrete a protective liquid layer consisting of mucus and/or alveolar lining fluid in
the bronchial and alveolar region, respectively. These conditions can be mimicked in vitro by airlifting epithelial cells and exposing them to air (ALI culture). The alveolar region is an elastic and
mechanically dynamic part of the lung experiencing nearly constant cyclic stretch motion with
significant impact on many aspects of lung metabolism, function, and growth

[22,23]

. The

mechanical forces are mainly a result from inspiratory inflation and expiatory deflation of the lung
and to a lesser degree due to pulsatile blood flow.

2.1. Physiologic stretch and biological membrane conditions
During normal tidal breathing at rest (ca. 500 mL tidal volume), a healthy lung normally inflates
at a frequency of ca. 0.20 Hz (12-15 inhalation-exhalation cycles per minute for rest conditions)
causing the alveoli to increase in size and surface area (Table 1). Under these respiratory
conditions, the basement membrane, which represents the structural core of the air-blood barrier,
is stretched to a linear strain of 4%

[24–26]

. During heavy exercise the respiratory frequency and

tidal volume can increase up to about 0.55 Hz (26-33 breaths per minute) and 1900 mL,
respectively [27], resulting in an increase in linear strain of ca. 12% in the alveoli [28] reaching even
20% in pathological scenarios such as acute respiratory distress syndrome (ARDS)[29].
A thin basement membrane (thickness ca. 50 nm) lies underneath both the epithelial and
endothelial cell layers and consists of small fibrils of collagen and elastin and rare fibroblasts
(Figure 3a-c). In the alveolar-capillary barrier these two basal laminae are fused so that no
interstitial tissue can form between them [30]. These basement membranes are a permeable barrier
with diminutive tiny pores. Although there is no general opinion about the size of these pores,
some reports on animal lungs [31,32] suggest two types of pores one being <2.5 nm in diameter and
a small fraction of larger pores (<400 nm) [33]. The mean thickness of the alveolar-capillary barrier
(region of fused epithelial-endothelial basement membrane) is 1.1 µm [30,34]. The average thickness
of the air-blood barrier (alveolar-capillary barrier at the site of gas exchange) is smaller (0.62 µm)
[30,35]

, since the gas exchanges occurs preferentially at the sites of closest proximity between air

and blood. The stiffness of healthy whole human alveolar tissue (measured as Young’s elastic
modulus) is estimated to range between 1-2 kPa

[36,37]

. Under pathological conditions such as

idiopathic pulmonary fibrosis (IPF), the stiffness of the basement membrane can increase to ca.
16.5 kPa [37] due to enhanced secretion and deposition of ECM proteins by both epithelial cells and
fibroblasts.

2.2. Role of mechanical stretch in lung biology
Mechanoreceptors on the cell surface can detect mechanical stretch and subsequently convert this
stimulation into biochemical signals activating downstream signaling pathways

[38]

. The

consequences of mechanical forces on lung biology has been determined from numerous in vivo
and in vitro experiments and is summarized in Figure 1. Table 2 presents an overview of the results
from in vitro studies covering a wide range of stretch conditions and cell types.
Cyclic mechanical stretch has been shown to alter proliferation, differentiation, and migration of
pulmonary epithelial cells [10,11,39–44]. These effects can be mediated by activation of several distinct
cellular pathways such as the mitogen-activated protein kinase /extracellular-regulated protein
kinase (MAPK/ERK) pathway via binding of the epidermal growth factor (EGF) to the epidermal
growth factor receptor (EGFR), which results in the differentiation of fetal epithelial cells [45]. Fetal
alveolar epithelial type II cells (ATIIs) can be induced via activation of the transcription
factor-dependent protein kinase (cAMP-PKA-dependent) signaling pathway during cyclic
equibiaxial elongation

[46]

. It has also been shown that YAP (Yes-associated protein) is a key

mediator in regulating cyclic mechanical stretch and together with the signaling cascade (the
Cdc42/F-actin/MAPK), they can promote alveolar regeneration

[47]

. YAP and TAZ

(Transcriptional co-activator with PDZ-binding motif), the Hippo signal-regulated transcriptional
co-activators, can also be stimulated by the mechanical signals that are sensed by cells and trigger
cell survival signaling

[48]

. In addition, cyclic stretch can alter cell morphology of alveolar

epithelial cells (ATs) and activate Src protein tyrosine kinase

[49]

including actin cytoskeleton

remodeling and cell alignment (and orientation) in fetal ATIIs and can be regulated via RhoA and

Rac1 signaling proteins, members of the Rho small GTPase family of hydrolyzing enzymes, when
cells experience mechanical stretch [50].
Studying the effects of mechanical distension on the expression of specific markers for the alveolar
epithelial type I (ATI) and type II (ATII) cell phenotypes showed that mechanical distension (21%,
surface area) influences alveolar epithelial phenotypic expression in vitro at the transcriptional
level and it appears that both transcriptional and posttranscriptional mechanisms are involved [51].
Mechanical stretch can influence the expression of ECM components [52], proliferation rate [10] and
may also impact the expression of surfactant protein C and B (SP-C and SP-B) [53–56], synthesis of
surfactant-related phospholipids

[57]

, calcium mobilization

[55,58]

, and induce tropoelastin

[59]

in

ATIIs. Furthermore, applying cyclic mechanical strain (21%, surface area) on primary human
pulmonary ATs increases epithelial barrier permeability for small hydrophilic molecules and
enhances metabolic activity [60]. The role of amplitude, frequency or uniformity of stretch on these
aspects has not been systematically investigated, yet.
Excessive mechanical stretch can also induce apoptosis, phosphatidylcholine secretion, necrosis
in ATIIs

[61,62]

and more severe release of cytokines, especially inflammatory mediators such as

Interleukin-8 (IL-8). Vlahakis et al. have reported that excessive cyclic cell stretch (30%, surface
area) for up to 48 h upregulated the production and release of IL-8 by human alveolar epithelium
(A549 cells) [63].
Moreover, it has been shown that mechanical strain can affect wound healing and wound closure
of both airway and alveolar epithelium. Closure was inhibited by excessive mechanical strain such
as distention, elongation, and compression [39–41]. In addition to cyclic strain, the combined effects
of fluid and interface flows (surface tension) and high transmural pressures during mechanical
ventilation can play a role in the development of ventilator-induced lung injury (VILI) especially

in patients who are suffering from ARDS. These aspects can exacerbate lung injury through
overdistension of alveolar sacs (volutrauma), cyclic alveolar collapse and expansion
(atelectrauma), as well as activation of the inflammatory cascades [64].
In summary, it is evident that cyclic mechanical forces are governing factors in numerous critical
regulatory functions of the lung particularly during lung development [65,66].

3. Stretch devices for in vitro cell models of the lung
The currently available stretch devices for in vitro cell models of the lung can be stratified by their
applicability in cell culture conditions i.e. submerged or ALI and by their degree of miniaturization
(macro-/microfluidic; Table 3). The fundamental concepts of the traditional submerged and the
more physiologic ALI cell culture conditions are schematically depicted in Figure 2a and 2b. While
in submerged conditions cells are typically attached to plastic wells and culture medium covering
the cells, under ALI conditions, epithelial cells are grown on a perforated membrane (typically
polyethylene terephthalate, PET) with air on the apical side and cell culture medium on the basal
side. ALI cell cultures are a more physiologic model of the lung epithelium as they
•

mimic the interfacial function of the epithelial barrier of the lung separating air from
interstitial or blood fluid.

•

allow for polarization of the epithelial cells which results in a more tightly regulated cell
barrier and apical secretion of natural protective liquid layers such as mucus or alveolar
lining fluid [67].

•

allow for more complex and hence more physiologic multi-cell co-cultures consisting of
e.g. epithelial cells with macrophages on the apical side and dendritic or endothelial cells
on the basal side of the porous membrane serving as cell support [68–70].

•

allow for delivery of airborne gases or aerosols (drugs or toxins) directly to the epithelial
cells, which is both conducive for direct measurement of the cell delivered dose via e.g.
quartz crystal microbalances [69] and more predictive for clinical outcome than pipetting of
these substances into the cell culture medium as done under submerged culture conditions
[7,67]

.

In the following section, we present an overview of the currently available stretch devices for in
vitro models of the lung epithelium under submerged and ALI cell culture conditions and the more
recently introduced microfluidic devices typically referred to as lung-on-a-chip models.

3.1. Devices for submerged cell/tissue culture models
The vast majority of cell-stretching devices described in the literature refer to submerged cell
culture models of the lung (Table 3). One of the earliest cellular stretch devices was introduced by
Skinner et al. [71–74]. They cultured fetal rat lung cells on a Gelfoam sponge with one side of it fixed
to the culture dish and the other end elongated using an electromagnetic field generated by a
solenoid unit (Figure 2c). However, the extent of cellular deformation applied by this system was
non-uniform and difficult to quantify [11,75].
Another early type of stretch device was used by Wirtz and Dobbs [51,55]. Their device consisted of
a flexible poly(dimethylsiloxane) (PDMS, Sylgard 184) membrane on which primary ATIIs were
cultured on the apical side and mechanical stretch was applied by changing the hydrostatic pressure
below the membrane. However, this device also applied a non-uniform strain to the cells which
caused changes in cell behavior due to heterogeneous deformation. In addition, the amount of
mechanical stress in this system was adjusted by altering the hydrostatic pressure manually and as
a result, this model was not suitable for applying stable cyclic mechanical stretch for an extended
period of time.

One of the earliest studies on equibiaxial deformation-induced injury was carried out by
Tschumperlin and Margulies who designed a cell-stretching device that applied a uniform,
equibiaxial strain to AT cells cultured on a fibronectin-coated non-porous Silastic membranes [75].
An annular indentor was designed to contact the bottom of the silicone membrane (near the rim)
and the membrane stretched by moving the indentor. Deformation rate and cycles are regulated by
the motor speed (Figure 2d). The strain field (2D, equibiaxial, maximum applied strain 50%
surface area) is unchanged during 1 h of continuous cycling (Table 3). This method allowed
application of a predictable uniform strain to ATs resulting in more quantifiable investigations of
the response of the alveolar epithelium to cyclic mechanical stretch.
This device and other commercially available instruments such as the Flexcell Strain UnitTM
(Flexcell International Corporation) and Stretching Apparatus (STREX Inc.) (Table 3) have been
utilized by numerous researchers to study the effect of mechanical stretch on ATII

[14,61,63,76–78]

,

human pulmonary microvascular endothelial [79] and airway smooth muscle (ASM) [80] cells (Table
2). The general mechanism of the majority of the commercially available cell-stretching devices
is based on controlling vacuum pressure underneath the culture plates to apply uniaxial or uniform
radial strain to the cell monolayer which is cultured on a flexible silicone membrane (Figure 2e).
However, the membranes used in these systems are non-porous due to the application of vacuum
on the basal side for stretching the membrane and thus cells cannot be cultured under ALI
conditions. Therefore, the in vitro devices in these studies do not allow the study of the lung
epithelium at ALI which limits their ability to recapitulate the in vivo scenario.
In addition to in vitro cell culture models, ex vivo lung slices have been used to investigate the
effects of contraction on ASMs [81]. Ex vivo precision-cut lung slices (PCLS) can be derived from
human or animal lungs. Lung tissue explants can be processed into lung slices of defined thickness

(200–500 µm; a few alveolar sacs) which are viable up to 5 days [82]. In contrast to in vitro models,
PCLS preserve cellular and structural organization of the lung tissue and maintain complex
physiologic features not only for healthy, but also diseased lungs [82]. The lung slices can also be
stretched to investigate the pulmonary responses to mechanical stretch [83,84]. For instance, the lung
slices (PCLS/PDMS: a PDMS membrane used as a supportive layer) were stretched by applying
pressure to the basal chamber (biaxial, 0.2 Hz, 4h)

[83]

. The average stretch was 24.9±4.1% in

alveolar perimeter (1D) at 3.5 kPa and 35±8.5% at 5.2 kPa (Table 3).

3.2. Devices for air-liquid interface cell culture models
In recent years, recognition of the previously described advantages of ALI as compared to
submerged cell have led to an increase in ALI cell cultures studies with static Transwell® Inserts
[69]

, where epithelial cells are cultured on a static porous membrane (typically PET) with air on the

apical side and cell culture medium on the basal side (Figure 2b) [85,86]. Only very recently, devices
for stretching of ALI cell culture systems have become available (Table 3). Pulmonary cells are
normally cultured on rigid substrates (mainly plastic dishes with a stiffness ranging from 2 to 4
GPa) which does not recapitulate the much less stiff basement membranes in vivo

[87]

. For cell

stretch under ALI conditions, cells should be grown on membranes which are not only elastic, but
also porous for nutrient exchange between apical cells and basal cell culture medium.
To provide better culture conditions during cell seeding and increase the efficiency of cell
culturing, bioreactor systems are essential. These systems, allow for tight control of temperature,
pressure, and biomechanical stimuli as well as mass transfer of nutrients and oxygen by providing
in vitro biomechanical and biochemical conditions mimicking in vivo conditions

[88,89]

. Some of

these systems are now even capable of studying the responses of ALI cell cultures to mechanical
and biochemical cues [90].

Recently, the Moving Air-Liquid Interface (MALI) bioreactor system has been developed to study
the role of mechanical stretching on the permeability of epithelial cells to soluble and airborne
nanoparticles in vitro (Figure 2f). An elastic electrospun membrane made of polycarbonate
polyurethane (Bionate®80), where ATIIs are grown under ALI culture conditions, is stretched
using air regulation in the apical chamber to mimic natural breathing

[91]

. However, cell culture

was challenging with the Bionate® membrane, even if a highly proliferative lung epithelial cell
line (A549) was used.
In the last decade, microfluidic cell-culture platforms (Figure 2g) have been introduced which
mimic the main in vivo physiological functions and mechanical microenvironment of the alveolar
epithelial barrier (Table 3). Microfluidic systems are able to create and regulate small amounts of
fluid flows (10-9 to 10-18 L), and transfer nutrients and other biochemical cues to cells in a
controlled manner

[92]

. In 2009, a continuously-perfused microfluidic system designed to culture

human ATs at ALI under dynamic conditions was developed

[93]

.

It has been reported that cells

cultured using this platform showed a better degree of monolayer integrity, had higher rates of
surfactant production, and lower surface tension of the lining fluid in comparison to the traditional
Transwell® culture model. In 2010, Huh and colleagues designed a miniaturized co-culture cell
model with microfluidic perfusion [94]. This microsystem is modeled to study functions of the lung
by integrating a co-culture of epithelial and endothelial cells on a stretchable, porous PDMS
membrane separating the air-filled apical from the liquid-/medium-filled basal compartment of the
PDMS bioreactor. Physiologic breathing movements and blood flow have been mimicked by
applying cyclic mechanical strain and constant intermittent medium flow on the apical and basal
side of the in vitro alveolar barrier, respectively

[94]

. Although this multifunctional microdevice

may provide superior culturing conditions for human lung cells rather as compared to conventional

culture systems, it does not fulfill all of the characteristics of the alveolar-capillary barrier in vivo,
such as barrier thickness (PDMS membrane is 10 µm; alveolar tissue barrier < 1 µm thick).
Moreover, it does not include all of the major cell types native to the lung and can therefore hardly
be considered as a lung-on-a-chip, but a miniaturized version of the widely used 2D co-culture
models of the lung. Recently, a new version of this device updated to regenerate a 3D cross-section
of a human lung alveolus (co-culturing of primary human ATs (mixture of type I and II) with
human umbilical vascular endothelial cells (HUVECs)); but, not subjected to cyclic mechanical
stretch [95].
Another simplified microfluidic device was designed to mimic obstructive sleep apnea (OSA) for
studying cellular responses to cyclical hypoxia and stretch

[96]

. They showed that hypoxia-

inducible factor 1α is upregulated in mesenchymal stem cells under both intermittent hypoxia and
cyclic stretch. The circular PDMS membrane of this device is stretched over a rigid post resulting
in two regions with uniform but different strain profile. While in the center region (on post), there
is uniform radial strain with an added circumferential strain field, the circumferential strain is small
in the off-post region (rim)

[97]

. In fact, this is a common limitation with other commercial

stretchable devices such as Bioflex® culture plates (Flexcell International Corporation,
Burlington, NC)

[97]

. Hence, for cell experiments under identical uniform strain conditions only

the on-post region of the membrane should be populated with cells.
In 2015, another microplatform was designed which sought to recreate the pulmonary parenchymal
environment to investigate the effects of breathing movements on human primary cells derived
from patients

[60]

. In this perhaps most physiological lung-on-a-chip microdevice to date, the

membrane is actuated indirectly (3D, tri-axial) using a bio-inspired microdiaphragm located at the
bottom of the basolateral chamber (Figure 2h). Cells are seeded on a surface modified (oxygen

plasma) and fibronectin-coated porous PDMS membrane (thickness is 10 µm; pore size 3 or 8µm).
After that, a cyclic mechanical stretch is applied to the PDMS membrane (21%, 2D, at frequency
of 0.2 Hz) by exerting a negative pressure. The modified version of this model enables online
monitoring of transepithelial electrical resistance (TEER) in real-time using a microimpedance
tomography system (at a distance of 1mm from the electrodes)

[98]

. In addition, the microfluidic

device used in this study can be equipped with a passive medium exchange unit to provide longterm culture conditions under ALI [99,100].
In summary, there has been substantial progress towards establishing an in vitro cell culture model
of the lung which mimics an increasing number of the core features of the lung including
mechanical stretch and ALI conditions. A silicone-based membrane is commonly used in
commercially available devices and microfluidic studies. Even after coating with ECM proteins
(such as collagen, fibronectin, and mixtures of ECM proteins such as Matrigel), epithelial cells do
not always grow to a complete confluent cell layer on these hydrophobic membranes and if they
do then one often finds multi-layered regions, which are a poor model of the monolayered lung
epithelium. In addition, other biophysical parameters of the membrane such as porosity and
thickness are very essential for cell proliferation and in vivo–like permeability of the in vitro airblood (alveolar-capillary) barrier. Therefore, there is a need to design more biomimetic membranes
which more closely mimic the physiological aspects of the native basement membrane.

4. Alveolar-capillary basement membrane for ALI cell cultures
For submerged cell culture conditions, stretchable cell support membranes are mainly selected
based on elasticity, wettability, durability, biocompatibility, and availability (cost). However,
alveolar epithelium represents the ALI with air on the apical side and tissue/liquid on the other
basal side. ALI conditions can be mimicked under in vitro conditions by seeding cells on a

permeable membrane allowing for contact with air from the apical side and nutrient supply with
cell culture medium from the basal side via the permeable membrane. Therefore, to manufacture
an appropriate membrane for ALI conditions, additional biophysical parameters such as porosity,
permeability, and multi-cellular compatibility should be considered. In addition, compatibility
with optical imaging techniques (e.g. confocal microscopy) is a desirable, albeit not absolutely
necessary feature of the membrane.
Various membrane materials and manufacturing techniques have been assessed for lung tissue as
summarized in Table 4. Currently, silicone-based materials such as PDMS are by far the most
favored material type due to its high compliance with a Young’s modulus of ca. 1–3 MPa
(however, also values below 1 MPa are possible depending on base to cross-linker ratio [101]), as
well as good gas permeability, optical transparency, low cost, and ease of use

[102,103]

. However,

silicone is known to be highly adsorptive towards many small and large molecules relevant for
drug testing or nourishment of the cells, which renders it problematic for drug transport studies
and cytokine release monitoring in the basal compartment [103,104]. Alternative approaches such as
electrospun membranes made of various materials (e.g. polycarbonate polyurethane (PCU)

[91]

,

polycaprolactone (PCL) [105], polydioxanone (PDS) [106], and poly(lactic-co-glycolic acid) (PLGA)
[107]

) yielded acceptable results in terms of stretch conditions, but often suffer from limitations

regarding cell growth and proliferation due to the hydrophobic nature of these materials, which
cannot be completely eliminated even after coating with ECM proteins (such as collagen and
fibronectin [108]). As a consequence, the selection of a suitable membrane has been one of the most
challenging aspects in the development of stretch-actuated, ALI lung bioreactors.

4.1. Membrane properties

Ideally, the biophysical properties of membranes used for stretch-activated bioreactors of the lung
should closely mimic the native basement membrane of the alveolar-capillary barrier, which have
been summarized in Table 1. Careful consideration and close matching of these physiologic
parameters is essential for membrane design yielding biomimetic culture conditions for pulmonary
cells. Collating physiologic properties with technical limitations of current membrane technologies
results in a list of membrane characteristics guiding the selection of membrane material and
fabrication as summarized in Figure 3d.
As mentioned above elasticity or stiffness is among the most important membrane characteristic.
However, compliance of the membrane should also be considered, i.e. the membrane should be
elastic enough to endure prolonged cyclic mechanical stretch (for at least days) with an amplitude
of up to 12% (1D) or even 20% (pathological conditions) without experiencing plastic
deformation, creep or rupture [109] under realistic cell culture conditions (contact with cell culture
medium). Moreover, a sufficiently high degree of wettability with contact angles below 70° is
desirable for the growth of confluent epithelial and endothelial cell monolayers as encountered at
the air-blood interface. Wettability (hydrophilicity/hydrophobicity) is governed by surface
characteristics of the membrane including charge, chemistry, and roughness of the membrane [110–
112]

. Membrane permeability governed by porosity and pore interconnectivity is also in important

aspect of membrane design as it is essential for various processes facilitating cell growth such as
nutrient absorption, and metabolic waste removal [113,114], but also for cell-cell signaling processes.
Cells secrete signaling molecules (e.g. interleukins) and extracellular vesicles (e.g. exosomes)
across the basement membrane under both homeostatic and pathological conditions, but also in
response to environmental challenges including pathogens, gaseous irritants, cigarette smoke, and
environmental particles

[115,116]

. Monitoring of these cell signaling processes is vital for

understanding the role of cell signaling in disease development and requires the use of porous
membrane.
Transport rates are a function of membrane porosity and thickness

[117]

. As stated above the air-

blood barrier can be considered as a permeable membrane with submicron thickness (0.62 µm)
perforated with nano-sized pores (<2.5 nm in diameter

[33]

(Table 1, Figure 3c). For in vitro cell

cultures, size and topography of the pores in the membrane need to be large enough to achieve
desirable gas and nutrient exchange between apical and basal compartment (at least 10 nm
diameter for large biomolecules to pass through), but small enough to prevent inadvertent cell
migration across the membrane (<3 – 8 µm depending on cell type). Hence, the most widely used
pore size of ca. 3 µm facilitates the formation of epithelial-endothelial cell bilayers mimicking the
alveolar-capillary barrier, while allowing transport of nutrients, growth factors and cell signaling
molecules (e.g. cytokines, chemokines, and extracellular vehicles) at physiologic rates

[118–121]

.

Another major factor in mimicking the properties of the air-blood barrier of the lung is its thickness
ca. 0.6 µm in the gas exchange region [35]. On the other hand, the human basement membrane in
the alveolar-capillary region is only ca. 0.6 µm thick (Table 1). Since submicron membranes, are
difficult to handle, the majority of artificial membranes reported in the literature are in the 10micron range. The increased membrane thickness results in additional resistance to respiratory gas
and macromolecular exchange and hence remains a major limiting factor in the design of
biomimetic membranes for in vitro approaches to the alveolar-capillary barrier.

4.2. Membrane fabrication
Membrane fabrication is one of the key determinants of membrane properties. The conventional
techniques for porous membrane fabrication are phase separation [122], self-assembly [123], freezedrying [124], solvent casting [125], and electrospinning [126].

Thermally induced phase separation is a convenient technique for casting a wide range of polymers
such as PLLA and PLGA into an interconnected porous film

[127]

. This method is easy to use,

reproducible and obtained membranes have high porosity and narrow pore size distribution.
However, control of pore size and shape is difficult due to the lack of control over fiber
arrangement [127,128].
Solvent casting is a simple and inexpensive way to manufacture a porous scaffold, albeit further
modifications are required to overcome innate abnormal pore shape and interconnectivity

[129]

.

Organizing and arranging materials by molecule or self-assembly is another way to fabricate a
porous membrane. With this method, the physical and structural properties of nanofibers can be
controlled by oligopeptide composition and chemistry. However, limited choice of proper
molecules and lack of control over pore size and shape are the main disadvantages of this 'bottomup' approach [130,131].
Electrospinning stands out as a powerful method in creating porous membranes that resemble the
fibrous architecture of natural ECM

[132]

. Electrospinning is a versatile technique, which can be

applied to virtually any polymer as well as many macromolecules, reshaping a rich library of
materials into fibers with a diameter ranging from a few nanometers to micrometers. The
nano/micro scale fibrous morphology of the scaffolds provides a unique high surface area to
volume ratio

[133]

, which is one of the main parameters that affects the surface area and overall

porosity of the membranes, together with packing density. Intricate interplay between process and
solvent parameters such as feeding rate, voltage, concentration and choice of solvents, enables
control over the fiber size

[132]

. In addition, membrane porosity can be further increased via salt

leaching [134] and sacrificial polymers, [135] whereas the packing density of fibrous membranes can
be tailored via electrostatic repulsion [136] and wet electrospinning [137]. It should be noted that the

choice of the material, e.g. hydrophobic/hydrophilic, is to be considered in the context of fiber
morphology and permeability analysis, which will be addressed in more detail below

[138]

.

Manipulation of the shape of the electrospun fibers can be utilized to match the mechanical
features, required by the lung-tissue models, such as stiffness and elasticity. Previously, lower
packing density in electrospun fibers was reported to decrease the bulk stiffness of the membranes
[139]

. Moreover, fabrication of coiled fibers allowed increased stretchability/extensibility compared

to straight fibers and further contributed to the contraction of cardiomyocytes

[140]

. Such

mechanical actuation capacity may prove useful for the cyclic stress mimicry in in vitro lung tissue
models.
Furthermore, bioprinting technology engaging cells, growth factors, and biomaterials (synthetic
and natural ECM) is another promising strategy to maximally mimic the alveolar-capillary tissue.
In the study that is first of its kind, Horvath et al. engineered an air-blood barrier via layer by layer
bioprinting of endothelial and epithelial cells that are separated with a thin layer of Matrigel which
mimics the basement membrane in the native lung tissue [141]. Both types of printed cells exhibited
high viability and formed into thin confluent monolayers which facilitated necessary cell-cell
interactions. The authors suggested that the reproducible biofabrication of such air-blood barrier
could serve as a high-throughput screening platform for safety assessment and drug efficacy
testing. Recently, an even more applied study reported bioprinting of A549 cells into 3D cell-laden
constructs [142]. Once the printability, structural stability and cell friendliness of the bioinks were
established, the infection patterns were analyzed for a seasonal influenza A strain [142]. The authors
concluded that the virus was distributed throughout the 3D printed structure and caused a clustered
infection pattern that is comparable to the natural infection in the lung tissue, which cannot be
replicated with traditional 2D cell culture models.

Bioprinting is a rapid production technique which provides powerful control over the fabrication
process and patterning. However, it is in an early technological phase of development and highresolution cell patterning and distribution are among its main technical challenges. In addition,
selecting a tunable biocompatible material is another concern for bioprinting to achieve an
appropriate resolution in a scale of the air-blood barrier [143,144].

4.3. Material selection
The type of material is another controlling factor of membrane features. Polymers are as the most
widely used type of biomaterials because of their diversity in chemical groups which allows finetuning of unique physical properties such as high surface-to-volume ratio, high porosity, and
mechanical property [145,146]. A wide variety of synthetic and natural-based materials and composite
materials (natural-synthetic hybrids) has been employed to obtain a thin scaffold which is
appropriate for soft tissue applications (Table 4).
One of the most widely used synthetic-based materials is PCL which is a biodegradable,
biocompatible, and bioresorbable polymer. PCL scaffold can be manufactured by various
fabrication methods due to its breadths in rheological and viscoelastic properties [105]. In addition
to PCL, other synthetic-based polymers such as polyethylene terephthalate (PET) [147,148], PCU [91]
have been used to culture epithelial cells. Besides, PDS has been broadly used

[149–151]

in tissue

engineering applications as a biodegradable polymer with a relatively fast degradation rate. PDS
shows enhancing cell infiltration and tissue regeneration when grafted with low-degradation rate
polymers such as PCL in which large pore spaces created by degradation of PDS [106]. Syntheticbased polymers have many advantages including suitable mechanical properties, tunable
biodegradability, easy sourcing, great flexibility in synthesis and modification, and - last but not
least - low cost.

However, synthetic polymers lack cell affinity because of their low hydrophilicity and lack of
surface cell recognition sites

[152,153]

. To overcome this drawback, synthetic-based materials are

often functionalized prior to biological use. Hydrophilicity can be enhanced via several ways
including plasma and polyvinyl alcohol (PVA) treatment, chemical coupling of hydrophilic
polymers either via copolymerization or surface grafting, surface patterning, and preparing
hydrophobic/hydrophilic polymer blends

[108,154]

. Membranes with appropriate hydrophilicity

promote adsorption of ECM proteins, secreted from the seeded cells, without interfering with their
functional/physiological conformation and thus render the scaffold bioactive

[155,156]

. Direct

inclusion of (natural) bioactive molecules offers the possibilities to overcome the lack of surface
cell recognition sites in synthetic-based polymers. The most common bioactive molecules are
ECM proteins, such as collagen (or gelatin as surrogate), laminin, fibronectin, and elastin or other
protein-based materials such as silk

[108]

. Such natural polymers can provide better cell-matrix

interactions and biocompatibility as compared to synthetic-based polymers. However, natural
polymers tend to display poor processing ability, batch to batch variance and poor mechanical
properties such as elasticity, stiffness and durability [157]. Although mechanical features of naturalbased polymers can be improved with an additional crosslinking process

[158]

, using membranes

solely composed of natural-based polymers is likely not suitable for long-term culturing of cells
under mechanically challenging conditions like cyclic stress.
Instead, natural/synthetic composite materials can be formulated to exploit bioactive features of
biologic materials combined with tunable/stable mechanical features of synthetic-based polymers.
In a recent study, an electrospun PCL/gelatin polymer blend was fabricated to mimic ECM and
study the effect of ECM mechanics and topography on alveolar-capillary barrier permeability and
cell injury during airway reopening

[159]

. In this study, a non-biological polymer (PCL) not only

provided elasticity and mechanical durability but also allowed for better control of membrane
production (various PCL/gelatin mixtures yielded elastic modulus: 0.36-7.20 MPa) (Table 4). The
manufactured membranes were used to study surface tension forces during airway reopening.
Other natural-synthetic hybrid polymers such as PDS/gelatin/elastin

[151]

, PLGA/gelatin/elastin

[107]

, and collagen/P(LLA-CL) [160] have shown good biocompatibility, mechanical properties and

other physical characteristics desirable for in vitro models of the alveolar-capillary membrane.
Alternatively, cell adhesion peptides derived from ECM proteins, such as RGD
(arginylglycylaspartic acid) and IKVAV (isoleucine-lysine-valine-alanine-valine), can be
immobilized on synthetic polymers to create selectively bioactivated synthetic membranes.
Employing short peptide sequences rather than whole proteins offers tailor-made synthesis options
and efficient/precise conjugation possibilities, which increase the overall impact of the functional
epitopes [161,162]. Although bioactive peptides can be directly blended with the polymers, chemical
conjugation assures more reproducible and stable bioactivation. Among various conjugation
methods, carbodiimide chemistry, Michael-addition, and photo-initiation based reactions are
widely reported [163–165]. It has also been demonstrated that covalent chemical coupling of peptides
can be achieved in-situ through the application of a reactive hydrophilic additive to hydrophobic
polyesters in the spinning solution [166]. Grafahrend et al. [166] conjugated the cell adhesion peptide
GRGDS to a reactive hydrophilic pre-polymer, NCO-sP(EO-stat-PO) already in the solution that
was used for electrospinning. Subsequent co-spinning of bioconjugated NCO-sP(EO-stat-PO) with
PLGA rendered electrospun fibers hydrophilic, reduced the unspecific protein adsorption and
cultivated strong cell-substrate adhesion. In a similar way, Rossi et al. fabricated electrospun
membranes which mimicked the bipolar structure of the basement membrane by conjugating ECM
proteins (collagen IV, fibronectin and laminin) to NCO-sP(EO-stat-PO). A bipolar membrane is

then fabricated through subsequent spin-coating with solutions, bioconjugated with different ECM
derived peptide sequences [167].
Bioactivated fibrous membranes supported the bipolar co-culture of keratinocytes and fibroblast,
mimicking the basal and reticular side of the basement membrane. A similar approach can be
utilized for capturing the bipolar structure of the pulmonary epithelial barrier. Most recently, this
approach has been extended to combine ECM-peptide bioconjugation with the covalent
immobilization of biochemically active molecules such as antibodies to combine selective cell
adhesion with, in this case, immunomodulatory effects [168].
Furthermore, it has been shown that decellularized extracellular matrix (dECM) containing
essential proteins for cell attachment and proliferation, could be a good candidate to improve the
biocompatibility of copolymers

[169,170]

. In a recent study, hybrid electrospun scaffold of poly-l-

lactic acid (PLLA) and dECM (derived from pig lung) for in vitro ASM model showed that dECM
improved physical characteristics (e.g. wettability) [171].
PDMS is the most widely used membrane material for in vitro cell-stretching devices of the
alveolar-capillary barrier (section 3). However, inadvertent adsorption of small molecules onto the
surface of PDMS can affect cellular responses or prohibit drug transport studies. Copolymers
(natural and synthetic-based) have been suggested to overcome the limitations of PDMS-based
membranes. However, relatively few studies are available demonstrating successful cell culturing
on these membranes both at the ALI and under cyclic mechanical stretch as encountered at the
alveolar-capillary barrier.
In summary, it is evident that there is a need for development of alternative materials suitable for
manufacturing a biocompatible, porous, thin, and stretchable membrane mimicking the
physiologic parameters of the native basement membrane of the alveolar-capillary barrier.

Moreover, the optimum choice of manufacturing method will also play a crucial role for obtaining
the most biomimetic properties. The optimum material and processing techniques should ideally
result in a final product that is not only bioactive enough to facilitate a fully confluent cell
monolayer on the membrane but also meet the high requirements on mechanically properties and
chemical integrity for long-term studies with lung tissue models.

5. Future directions: biomimetic models of the lung
Currently, the vast majority of in vitro efficacy, toxicity and pharmacokinetics studies of the lung
are performed using static pulmonary cell models culturing a single cell type under submerged
conditions

[172,173]

. While this approach is well established, it often lacks predictive power for in

vivo/clinical outcome due to non-physiologic and simplistic cell model conditions and an unknown
dose of the test substance delivered to the cells [7,67]. Recent advances in biomimetic lung models
include ALI culture conditions (polarization of epithelial cells at the ALI), apical coverage of
epithelial cells with lung lining fluid (surfactant and alveolar lining fluid), and multiple-cell coculture models providing more biomimetic barrier function (epithelial and endothelial cells),
immune competence (dendritic cells), and clearance capability (macrophage, mucus)

[14,67]

. With

the availability of commercial aerosol-cell delivery systems (e.g. VITROCELL CLOUD, Precise
Inhale, and CULTEX

technology), an increasing number of studies employs aerosolized

drug/substance delivery for more realistic pharmacokinetics and dose-response measurements [174].
Any of these aspects enhances the biomimetic characteristics of in vitro cell models but depending
on the endpoint of interest either all or only a subset of them may have to be included for adequate
prediction of in vivo outcome. Unraveling the link between in vitro prediction of certain in vivo
endpoints and the most suitable lung models will remain a field of intense research.

Moreover, there is also a trend towards microfluidic platforms of in vitro lung models offering the
perspective of optimized process control, more efficient substance use, real-time monitoring
systems via computer-control and automation ultimately leading to high-throughput capabilities
[18]

. Analogous to standard cell culture systems and bioreactors, these micro-platforms are also

able to mimic certain aspects of the pulmonary parenchymal environment such as epithelialendothelial barrier, ALI, and mechanical stimulation induced by breathing and blood perfusion.
However, these so-called lung-on-a-chip devices are often not easy to handle, provide a relatively
small number of cells limiting the available amount of sample for biological (multi-omics)
analysis. This may at least partially explain why there are very few lab-on-a-chip devices
commercially available, yet.
Notwithstanding even more advanced technologies are already pursued such as more complex 3D
organ-specific cell structures representing functional organ units (organoids) and the integration
of organ-specific chips/organoids into in vitro organism systems. Although these methods are still
in an early stage, they hold the promise to overcome remaining shortcomings of current advanced
in vitro models of the lung such as failure of fully mimicking the complexity of the 3D alveolar
structure, the multi-cell interplay in the lung (ca. 60 different cell types) and inter-organ
connectedness via blood circulation [175,176].
In addition to these so-called bottom-up approaches, where biomimetic organ-specific models are
built up from single-cell structures, also top-down approaches are available, where the lung (or a
single lobe) is cut into smaller tissue slices [7]. These ex vivo PCLS models, which can also be used
under dynamic stretch conditions, represent a thin slice of the multi-cell 3D architecture of the
lung which has been shown to maintain physiologic functions such as ciliary beating, macrophage
migration and response to e.g. pro-inflammatory stimuli [177,178]. Among other applications, PCLS

have been used to study pathological and therapeutic measures of COPD/emphysema in lung tissue
[82]

, and more recently to visualize the location and migration of different cell types in the lung

tissue such as dendritic cells

[179]

. Lung slices with a supportive layer such as PDMS have been

exerted to cyclic mechanical stretch without causing cell injury [83]. However, even this complex
3D multi-cell model of the lung can only partly reflect the properties of native lung tissue. For
instance, it does not represent an intact epithelial-endothelial tissue barrier, ALI conditions as
encountered in the lung and an intact immune system causing non-physiological responses

[180]

.

Moreover, these top-down approaches still require the use of animals or donor organs, while
bottom-up approaches bear the potential of animal free drug/toxicity testing.
All of these developments towards more biomimetic, miniaturized and complex models of the lung
will benefit from the implementation of cyclic mechanical stretch as one of the fundamental stimuli
in the lung. Until now, commercially available cell-stretching devices have only been available for
submerged, but not for more physiologic ALI cell culture conditions. The suggested technologies
for cell-stretching under ALI conditions mainly rely on silicone-based membranes such as PDMS
[181,182]

, which have plenty of advantages such as good compliance and permeability. However,

due to the hydrophobic nature of PDMS, surface modifications or ECM protein coatings are
required to enhance cell adhesion and biocompatibility [183,184]. However, the hydrophobic nature
of PDMS requires surface modifications s such as coating with ECM proteins for adequate cell
grow. But even then, multilayered or nonconfluent monolayered cell regions can often not be
avoided

[11]

. In spite of these efforts, PDMS membranes may adversely affect cellular response

even for short-terms studies (1h) [102] and silicone-based materials are known for their adsorptive
nature and hence their potential bias when considering transmembrane transport of drugs and
biomolecules [103,104]. The latter is not the case for PET membranes implemented in the standard

Transwell® insert technology used for static ALI cell cultures. However, PET is not elastic and
hence not suitable for mimicking cyclic stretch. Hence, neither PET nor silicone-based materials
meet all of the requirements of a biomimetic basement membrane. In principle, the next generation
of ALI cell culture membranes for even more physiologic in vitro models of the lung should also
mimic the curvature of the alveolar epithelium (alveolar diameter: ca. 250 µm) and the interaction
between cells and ECM.
As discussed above the essential characteristics of suitable basement membranes include porous
architecture, dimension, biocompatibility, stiffness, and permeability. The physiologic parameter
range of these parameters is summarized in Table 1. A thin (ideally <1 µm) and porous membrane
is required to mimic the structural and mechanical properties of the alveolar wall supporting
growth and maintenance of an intact epithelial monolayer under ALI culture conditions. Thus,
designed membranes should have sufficient elasticity, durability for long-term stretch in cell
culture systems and act as cell substrate as well as allow for nutrient exchange between basal and
apical compartment.
At this time, there is no widely accepted material meeting all of the physiologic requirements for
the native basement membrane of the alveolar-capillary barrier (Table 1). However, there is
evidence that rather than using a single material the application of hybrid copolymers may prove
advantageous for representing all of the desired mechanical and biophysical properties. Among
them, scaffolds obtained by PCL [185,186] and P(LLA-CL) [109] blended with natural-based polymers
such as gelatin

[159,187]

, collagen

[160]

, and elastin

[188]

showed a suitable porosity and surface

hydrophilicity. Blends of PCL/natural polymers met the mechanical properties such as elasticity,
reversible elongation and energy absorbed up to the elastic point reported for the basement
membrane in the alveolar region. Other synthetic polymers such as P(LLA-CL) also showed

appropriate mechanical properties for soft tissue applications [160,189,190]. For instance, electrospun
hybrid scaffolds of collagen/ P(LLA-CL) has been used for application of cardiovascular tissue
engineering

[160]

. The hydrophilicity, biocompatibility, and mechanical properties (Young’s

modulus: 1.77±0.09 MPa) of these hybrid materials make them promising membrane materials for
lung models, although they have not been widely applied in lung research, yet. dECM-derived
native lung tissue, a biomimetic mixture of natural ECM proteins, is another promising natural
material because of its excellent biocompatibility features, although it does not have sufficiently
biomimetic mechanical properties

[170]

. As this deficiency can be compensated by hybridization

with a synthetic polymer, several synthetic/dECM copolymers have been recently manufactured
for tissue engineering application [191–193].
In addition to selecting a proper (composite) material which fulfills the physiologic properties of
the alveolar basement membrane, fabrication methods should also be considered. Electrospinning
is a simple and cost-effective technique which enables control over the shape, thickness,
architecture and biophysical characteristics of the scaffold. A tunable porous structure with a high
surface area to volume ratio, mimicking natural ECM in native tissues, can be manufactured within
this method. However, poor cellular infiltration is still the main limitation of electrospun scaffolds
which can be improved somewhat when combined with other techniques such as phase separation
and solvent casting [194,195].
Moreover, biofabrication is a young and vibrant field of research which offers great potential for
the generation of skin and lung tissue. This technique aims at the generation of biological
functional tissue analogs either through an automated assembly of cell-containing building blocks,
or by bioprinting of cells, biomaterials, and biologically active factors into 3D constructs [209].
Bioprinting inherently requires a bioink, a cell-containing formulation that can be processed by a

suitable technology

[196,197]

. The design and application of bioinks have expanded greatly in the

last decade, with numerous materials – primarily natural and synthetic hydrogels – being applied
or developed to meet the stringent demands of bioprinting [198,199].
Recently, an endothelium-epithelium along with basement membrane has been fabricated using a
layer-by-layer method in order to mimic the pulmonary air-blood tissue barrier

[141]

. A 3D

bioprinted tissue model employing cell-laden bioinks has been also used as a model for
studying influenza infection in the lung

[142]

. These examples clearly show the potential of

biofabrication for the engineering of functional lung tissue. However, many challenges still need
to be overcome, such as the development of materials and techniques that specifically suit lung
cells forming the bipolar architecture of an air-blood barrier and providing mechanically tuned
constructs that mimic the dynamic nature in native lung tissue.

6. Conclusions
Mechanical forces play a key role in proliferation, differentiation, function, and metabolism of
lung cells. The main stretch-related regulatory pathways include the MAPK/ERK- and cAMPPKA-dependent signaling pathways triggering differentiation of ATIIs as well as activation of
YAP/TAZ and the signaling cascade of Cdc42/F-actin/MAPK controlling alveolar regeneration.
The main stretch- and permeability-related physiologic parameters of the native basement
membrane of the alveolar-capillary tissue are the level of mechanical linear (1D) strain (4-12%;
up to 20% under pathological conditions), elasticity (1-2 kPa), thickness (ca. 50 nm), and porosity
(pore size <2.5 nm) and thickness (ca. 0.6 µm; total air-blood barrier). In addition to matching
these biophysical conditions, suitable in vitro membranes for pulmonary cell-stretching also
require biocompatibility, which includes wettability (WCA <70°) and conduciveness to cell
growth.

Meeting all of these biophysical parameters in current in vitro systems is a challenge, which has
not yet been fully accomplished. The currently available body of in vitro data on the effects of
cyclic mechanical stretch on lung biology was almost exclusively obtained for non-physiologic
submerged cell culture conditions using non-porous silicon-based membranes (e.g. PDMS). Even
the few currently proposed systems for pulmonary cell-stretching under more physiologic ALI
culture conditions mainly rely on super-micron thick silicone membranes (even the microfluidic
systems) with micron-sized pores. Moreover, silicone has well known material-specific
deficiencies such as limited biocompatibility (requires surface treatment) and capturing of relevant
biomolecules and potentially applied drug molecules, which poses serious limitations for drug
efficacy and pharmacokinetics studies.
Our review of natural and synthetic-based polymers revealed that natural/artificial hybrid materials
combine high biocompatibility (natural-based polymers) with favorable mechanical properties
(artificial polymers) for soft tissue membrane applications such as alveolar tissue models. For the
lung, PCL and P(LLA-CL) have been identified as appropriate synthetic-based polymer
candidates, while collagen, dECM and gelatin may qualify as suitable natural-based polymer
components. Further research into the exact ratio of natural-artificial copolymers is required to
obtain the most suitable membrane for next generation, ALI, cell-stretching bioreactors of the lung.
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Figures and Captions
Figure 1. Role of (cyclic) mechanical forces in lung epithelium. Proliferation, differentiation, adhesion,
migration, and apoptosis of lung epithelial cells are regulated by cyclic stretch. These effects can be initiated
by several distinct cellular pathways such as the MAPK/ERK pathway, which results in the differentiation
of fetal epithelial cells [45], the cAMP-PKA-dependent signaling pathway mediating differentiation of fetal
ATIIs

[46]

, and activation of YAP/TAZ and the signaling cascade of Cdc42/F-actin/MAPK mediating

alveolar regeneration

[47,48,200]

. Cyclic strain induced by ventilation regulates pulmonary epithelial

morphology by a pathway involving Src, FAK, and then MAPK/ERK signaling

[49]

. High deformation

opens the tight junctions, disrupts barrier integrity and increases translocation of micromolecules
across the alveolar epithelium by activation of intracellular signaling pathways [13,201].

Figure 2. Schematic depictions and photos of in vitro epithelial cell culture systems and stretching
devices. (a) In vitro cell culture model under submerged conditions. (b) In vitro static cell culture
model under ALI conditions using TranswellÒ insert. (c) A stretching system using a solenoid unit:
Fetal rat lung cell on a Gelfoam sponge fixed to the dish at one end, and another end is stretched
using an electromagnetic field

[74]

. (d) A cell-stretching device to apply a uniform, equibiaxial

strain to the cells: The membrane deformed by moving the indentor to provide an equibiaxial strain
[75]

. (e) Commercial Flexcell Strain UnitTM (Flexcell International Corporation): This device

applies uniaxial radial strain by regulating vacuum pressure underneath a flexible silicone
membrane. (f) The MALI bioreactor system: The system is composed of a basal and an apical
chamber separated by a stretchable, porous membrane and two fluidic systems for cell culture
medium. Epithelial cells cultured on a membrane under ALI conditions. A pressure regulator in
the apical chamber to actuate the flexible membrane in a controlled manner

[91]

. (g) (left) A

microfluidic system for co-culture of epithelial and endothelial cells under ALI and mechanical
stretch: This microsystem applies a uniaxial strain on a stretchable, porous PDMS membrane by
regulating the pressure in the side chambers (right) Image of a side and tope view of an actual
microfluidic, reproduced with permission

[94]

Copyright 2010, American Association for the

Advancement of Science (h) (top) A lung-on-a-chip array: The membrane is stretched in a tri-axial
direction using pneumatic microchannels located at the bottom of the basolateral chamber

[60]

.

(down) Photograph of a modified lung-on-chip with 6 independent chamber, reproduced under the
terms of the a Creative Commons Attribution 4.0 International License

[99]

. Copyright 2018,

Springer Nature.
Figure 3. Lung morphology and cellular structure as guidance for bioinspired lung models. (a) A
3D reconstruction of the entire murine lung tissue obtained with Light Sheet Fluorescence
Microscopy (LSFM) depicting trachea, bronchi, small (terminal) bronchioles (I), distal bronchial
tree (II) (reproduced with permission from

[202]

; Copyright (2019) American Chemical Society),

and 3D honeycomb structure of the alveolar region as observed with confocal microscopy on
precision cut lung slices (III) as well as surface rendering (IV) and 2D images thereof (V). Green:
tissue structure, blue: nuclei. (b) Schematic of cellular composition of the human airway tree from
upper bronchus to alveolus. (c) (left) SEM image of the human alveolar wall showing the very thin
tissue barrier separating capillary blood and air (right) TEM image of alveolar-capillary region
depicting the alveolar epithelium (EP), capillary endothelium (EN), basement membranes (BM)
as part of the air-blood barrier, fibroblast (FB), and erythrocyte (EC) (Electron microscopy images
reproduced with permission [35] Copyright 1978, Elsevier and [203] Copyright 2011, John Wiley and
Sons). (d) Schematic depiction of characteristics of a state-of-the-art membrane mimicking the
alveolar-capillary basement membrane.

Figure 1.

Figure 2.

Figure 3.

Table 1. The stretch- and permeability-related physiologic parameters of the native basement
membrane of the human alveolar-capillary tissue
Parameter
Level of mechanical linear (1D) strain
Corresponding 2D strain
Stiffness of human alveolar tissue
Pore diameter of alveolar-capillary barrier
Thickness of basement membrane
Thickness of air-blood tissue barrier
Total alveolar-capillary barrier thickness

Value
4%*1 –12%*2 (20%*3)
8%*1 – 25%*2 (44%*3)
1-2 kPa
0.5–2.5 nm*4
ca. 50 nm
0.62 µm ± 0.04*5
1.1 µm ± 0.1*5

References
[24–28]

[36,37]
[33]
[30]
[30,35]
[30,34]

*1 normal breathing, *2 deep inspiration, heavy exercise, *3 pathological conditions, *4 with a small portion of larger pores (< 400
nm) *5 harmonic mean

Table 2. In vitro effects of (cyclic) mechanical forces on epithelial cell physiology of the lung and associated cell stretch-conditions
Mechanical stretch
Cell Stretching
Device
Type

Level

Frequency
(cycles per
minute)
27

Single

16-17% (surface area)

Intermittent

12- 18% (linear)

Cyclic

10% (surface area)

Cyclic

27-30% (surface area)

15

Cyclic

12.5% (max.), Ave. < 5.7%
(linear)

60

Cyclic

12, 24, 37, and 50% (surface
area)

15

Cyclic

Max. 20-22% (surface area)

10-30

Static
distention

21% (surface area)

Cyclic

5%-15% (radial)

50

Cyclic

20-30% (surface)

20 and 40

Cyclic

5% (linear)

60

Cyclic

Max. 22% (surface area)

3

Cyclic

25%, 37%, and 50%
(surface area)
5% (linear)

Cyclic

30
3 or 50

-

15 and 60
60

Hydrostatic
force unit
Solenoid stretch
unit
Flexecell strain
unit
Flexcell strain
unit
Solenoid stretch
unit/Flexcell
Strain Unit
Stretch
Hydrostatic
force unit
Flexcell strain
unit
Hydrostatic
force unit
Flexcell strain
unit
Flexcell strain
unit
Solenoid stretch
unit
Flexcell strain
unit
Over-distension
injury model
Solenoid stretch
unit

Cell type

Key results

rATII
fetal rat lung
organotypic
fetal rabbit ATII
ASMs
Organotypic
epithelial/fibrobl
asts
rATII
Calu-3,
tracheal
epithelial,
1HAEorATII

Cat

NCI-H441
A549

Ref.

Mechanical stretch of ATIIs caused an increase in cytosolic Ca2+ followed by stimulation of
surfactant secretion.
Both frequency and amplitude of cyclic stretch affects production of prostacyclin by lung cells.

[55]

Mechanical stretch alters ATII proliferation rate and may also affect synthesis of surfactantrelated phospholipids.
Cyclic stretch resulted in proliferation of ASMs and it may contribute to increased ASMs
hyperplasia and airway resistance.
Stretch enhanced DNA synthesis of mixed cells, epithelial cells, and fibroblasts in 3D culture
conditions.

[57]

Deformation-induced injury is an important factor in the development of lung injury during
mechanical ventilation.

[75]

Wound healing affected by cyclic mechanical strain and wound closure was inhibited by both
strain and compression (decreased ability to repair).

[41]

[74]

[42]
[10]

Mechanical stretch influenced alveolar epithelial phenotypic expression in vitro, at least in [51]
part, at the transcriptional level (increase in the marker for the type I phenotype (rTI40) and
decrease in mRNA content of SFTPB, SFTPC, and no effect on mRNA content of SFTPA or
GAPDH.
Cyclic mechanical stretching of H441 cells for 24 hours increased SFTPB and SFTPA [56]
expression.
[63]
High deformation (more than 20%) can activate inflammatory response IL8.

Organotypic
epithelial and
fibroblasts
rATII

Cyclic mechanical strain differentially regulates gene and protein expression of ECM
molecules in fetal lung cells.

[52]

Mechanical stretch can induce both apoptosis and phosphatidylcholine secretion in ATII.

[61]

rATII

The frequency of sustained cyclic deformations (not the deformation rate during a single
stretch) increased deformation-induced injury.
Mechanical strain significantly increased SFTPC and tropoelastin mRNA expression.

[78]

Organotypic
epithelial and
fibroblasts

[59]

Mechanical stretch induces proliferation of pulmonary epithelial cells. Tyrosine kinase activity
is necessary to signal the proliferative response to mechanical strain. Activation of FAK via
tyrosine phosphorylation does not appear to have a role in the strain response.
Cyclic mechanical stretch enhances differentiation of fetal ATIIs in mesenchymal-epithelial
interactions.

[43]

1HAEoand 16HBE14o-

Uniform biaxial elongation inhibits epithelial wound closure.

[39]

rATII

Cyclic stretch induces a rapid ERK1/2 activation, which is transduced via G proteins and
EGFR tyrosine kinase. Stretch-induced MAPK/ERK pathway activation is independent of Na+
and Ca2+ influxes and the Grb2-SOS, Ras, Raf-1 pathway.
Cyclic stretch altered the intracellular transport of plasmids to increase gene expression.

[200]

Mechanical stretch changed cell morphology of ATII-like A549 and activated Src protein
tyrosine kinase.
Mechanical stretch, at least in part, induces differentiation of fetal ATII via EGFR activation
of the MAPK/ERK pathway.
Increased mechanical stretch contributes to lung injury by induction of apoptosis and
necrosis in ATIIs.
Various integrins contribute to mechanical control of ATII cell differentiation on laminin
substrates. Strain-induced differentiation of fetal ATIIs is mediated by specific ECM-integrin
interactions.
The transcription factor-dependent protein kinase (cAMP-PKA-dependent) signaling pathway
is activated by force in fetal ATIIs and participates in strain-induced fetal ATII cell
differentiation.
Cyclic mechanical stretch induced by ventilation supports pulmonary epithelial proliferation
by a pathway involving Src, FAK, and then MAPK/ERK signaling.
Mechanical stretch of fetal ATIIs evokes a complex network of signaling molecules, which
diverge downstream to regulate the temporal expression of a unique set of early response
genes.
The basement ECM plays a key role in both cell death and signal transduction in response to
strain.
Different types of mechanical strain inhibited wound closure of ATIIs compared with static
controls. Mechanical stretch decreases migration of AT cells through mechanisms involving
Tiam1, a Rac1-specific guanine nucleotide exchange factor.
Variable mechanical stretch may enhance surfactant secretion (reducing the risk of
ventilator-induced lung injury).
Stretching of PCLS on PDMS-membranes represents a useful model to investigate lung
stretch in intact lung tissue in vitro for several hours.

[49]

Cyclic

20% (surface area)

60

Flexcell strain
unit

NCI-H441

Cyclic

5% (linear)

50

Flexcell strain
unit

fetal ATII

Cyclic
biaxial

Max. 10% (linear)

30

Biaxial
stretching
device

Cyclic

5 and 30% (surface area)

30

Cyclic

10 % (surface area)

60

Cyclic

20% (surface area)

30

Cyclic

5% (linear)

60

Cyclic

13% and 30% (surface area)

Cyclic

5% (linear)

60

Cyclic

5% (linear)

Cyclic
Cyclic
continuous
Cyclic
Cyclic
Cyclic
Cyclic

Flexcell strain
unit
Flexcell strain
unit
Flexcell strain
unit
Flexcell strain
unit
Flexcell strain
unit

A549

60

Flexcell strain
unit

E19 fetal ATII

Average 10% (max. 20%)
(surface area)
5, 10, or 17% (radial
elongations)

20

Flexcell strain
unit
Flexcell strain
unit

NCI-H441,
A549
Fetal rATII

25, 50, 75 and 100%
(surface area)
5%, 10%, and 15% (linear)

12

Over-distension
injury model
Flexcell strain
unit

MLE-12

Over-distension
injury model
Strain-applying
bioreactor

rATII

12.5, 25, or 50% (surface
area)
38% in the latitudinal and
up to 44% in the
longitudinal direction
(linear)

40 and 60

30

10–30
3
15

A549
fetal rATII
rATII
E19 fetal ATII

Primary rATII

PCLS

[54]

[204]

[45]
[62]
[205]

[46]

[44]
[58]

[206]
[40]

[53]
[83]

Cyclic

5-15% (linear)

12

Cyclic

15% (surface area)

52

Cyclic

15-50% (surface area)

Cyclic

5% (linear)

40

Cyclic

5% (linear)

40

Cyclic

21% (surface area)

12

Cyclic

6% (linear)

60

12-18

Human alveolarcapillary
interface model
Flexcell strain
unit

A549

Studying the effects of the mechanical strain on inflammatory response by mimicking the
lung alveolar-capillary barrier.

[94]

Primary murine
ATII

[14]

Microfluidic
alveolar model
Flexcell strain
unit
Flexcell strain
unit
Alveolar-on-achip
A chip to
partially mimic
OSA

Murine ATII,
A549
Fetal mATII

Cyclic stretch induces epithelial-mesynchemal transition (EMT) in ATIIs through
production of the matrix component hyaluronan which activates the Wnt/beta-catenin
pathway downstream of MyD88 signaling.
Studying the combined effects of surface-tension stresses and cyclic stretch on AT cells
EGFR and ErbB4 regulate stretch-induced ATIIs differentiation via MAPK/ERK pathway.

[208]

Mechanical strain enhances binding of alpha6beta1 integrin to TACE to promote fetal ATIIs
differentiation.
Investigation of the effect of cyclic stretch on the metabolic activity and the cytokine
secretion of pHPAEC using an alveolus-on-a-chip array.
HIF-1α expression in rMSCs increases in response to Intermittent hypoxia and mechanical
stretch.

[209]

E19 fetal ATII
16HBE14o,
pHPAEC
rMSCs

[207]

[60]
[96]

Table 3. Overview of cell stretch devices employed in in vitro studies on the effect of mechanical stretch on cell and tissue models of the lung
Type of device (depicted in Fig. 2
panel C-H)

Cell culture
conditions

Type of stretch
Direction

Max. strain applicable

Membrane material

Solenoid stretch unit (C)

Submerged

1D, uniaxial

18% (linear)

Gelfoam sponge

NP*1

Cell growth
area (mm2)
14x10

Stretch unit by applying hydrostatic
pressure

Submerged

2D, biaxial

50% (surface area)

Silicoelastic

NP

415

230

[55]

Cell stretching device to model over- Submerged
distension injury (D)

2D, equibiaxial

50% (surface area)

Silicone

NP

__

200

[75]

Flexcell strain unit (Flexcell
International Corp., NC) (E)

Submerged

2D, equibiaxial

15% (radial)

Bioflex silicone

NP

420

__

[57,210,211]

Strain-applying bioreactor

Ex vivo model

1D, uniaxial

PCLS-PDMS

__

__

436 *2

[83]

Stretch apparatus (ST-150; Strex,
Osaka, Japan)

Submerged

1D, uniaxial

30% (surface area)

Silicone chamber

NP

10x10

__

[79,80]

Human alveolar-capillary interface
model (G)

ALI

1D, uniaxial

15% (linear)

PDMS

10 µm*3

0.028 *4

10

[94]

Alveolar-on-a-chip (H)

ALI

3D, tri-axial

21% (surface area)

PDMS

3 or 8 µm

2x7.1

3

[60]

A chip to mimic OSA

Submerged

1D, uniaxial

6% (linear)

PDMS

__

12.5 *5

10

[96]

MALI bioreactor system (F)

ALI

3D, tri-axial

17% (linear)

Bionate® II 80A
(PCU)

__

420

75.4

[91]

ca. 30% (longitudinally and
latitudinally)

Material

Pore size

Ref.
Thickness
(µm)
2000

[71,72]

*1 Non-porous, *2 PCLS: 400 µm, PDMS: 33–36 µm, *3 wide pentagonal, *4 cross sectional: 400 µm (width) in 70 µm (height), *5only diameter of main chamber reported

Table 4. Synthetic and natural- based polymers as candidate materials for stretchable and porous membranes
Physical properties
Type

Manufacturing
Water contact Thickness
method
angle (°)
(µ m)

Material

Naturalbased

Synthetic-based

PCL*1

Tensile Stress
(MPa)

Elastic Modulus
(MPa)

Elongation at
break (%)

Max. elastic
Strain (%)/
Compliance
NA

L6 rat myoblasts
3T3 fibroblasts

[186]

[147]

NA

CALU-3 and MRC5
CALU-3, MRC5 and
DCs
Not Studied

501

NA

A549

[91]

NA
NA
NA

NA
NA
NA

HLEC
Aortic SMCs
Not studied
NCI H441,
HUVECs
/HPMEC, HPAEC

[213]

30.08

0.032
26.1

0.036
23.5

129.29
578.2

83.6
NA

NA
NA

NA
NA

NA
NA

NA
NA

NA
NA

0.5-3*5, 20*6

Non

0.1 µm*7

NA

6.24-9.72

NA

121.5

75.4

NA

NA

54.2

2.2

NA
NA
NA

10-15
187
700

NA
NA
NA

0.5-5µm
NA
NA

NA
1.5*8, 0.7*9
2

NA
52.3*8, 26.1*9
80

85

NA
NA
NA
NA

NA
33 and
118*3
120
60

52.5
<85

PET
PET

ES
Melt
spinning
ES
ES

Silicone/PTFE

iCVD

NA

Bionate® II 80A (PCU)

ES

Silk
Collagen
Fibrinogen

Casting
ES
ES

NA
C: 0.0149 ml

10

10

10

ES

NA

10

71

1.5 µm

3.8 *

5.2

430 *

15 *

PEGdma/PLA

ES
ES
ES
Freeze-drying
ES

131.8
38.7
129.2
NA
NA

NA
<50*10
139±53
830
3000

NA
NA
86.75
92
60.4

1836 µm2
8.27 µm2
NA
109–141µm
1-3 µm

2
2.1
NA
0.007
5.2

64.1
141
16.35
0.030
50*11

275
4
NA
NA
80

NA
NA
NA
26.17
80

ES
ES
ES
ES
ES
ES
ES
ES
ES
ES
ES
ES

NA
NA
NA
NA
130.52
58.18-70.85*14
NA
NA
131.28
11.54
78.06
NA

<100-200
<20
<20
<20
NA
NA
500
500
NA
NA
NA
20-1000

NA
NA
NA
NA
NA
NA
80-82
80-82
NA
NA
NA
NA

NA
NA
NA
NA
37.6 µm
8-12.4 µm *14
NA
NA
~23 µm *10
~18 µm *10
20.06 µm
0.6-4.74 µm2

0.510
NA
NA
NA
1.18
0.55-0.76*14
5.61
1.77
<4*10
<9.5*10
<7.1*10
0.130

< 0.3
7.20
2.10
0.36
4.41
3.02-5.85*14
17.11
5.74
<1*10
<4.2*10
<2.5*10
0.770

NA
NA
NA
NA
614.90
551- 742*14
216.7
75.08
<260*10
<70*10
121.3
NA

< 0.007 kPa-1
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA
NA

PCL
PCL/Gelatin 75:25
PCL/Gelatin 50:50

PCL/Gelatin*13

PCL
Blend
PDS/Gelatin/
PDS
Elastin
Blend
PCL
PDS
PCL/PDS
Blend
PLGA/Gelatin/ Elastin

[109]

mm Hg-1 *4

PCL/NCO–sP(EO-stat-PO)

PCL/Gelatin*12

Ref.
[185]

3.55

30

Cell type
HLEC

1.74

90

PCL*
P(LLA-CL)

Pore size
/area
0.2-0.4 µm
NA
1-16 µm2

ES

2

PLA
Blend
PLLA/Lung dECM
PGS/PLLA
Fibronectin grafted P(LLACL)
PCL/ rhTE

Blend

Porosity
(%)

Mechanical properties

[148]

[212]

[214]
[215]
[216]

[217]

VECs and VICs
HBSMCs
ADSCs
PEECs
HUVECs

[171]
[218]
[190]

[188]
[159]

A549/ HSAEC &
HUVECs
[187]

HUVECs
Not studied

[151]

[106]

In vivo vascular
graft
Human
EA.hy926&
BASMCs

[107]

[219]
ES
118
NA
81.3
1.05 nm
<1.8*10
<1.5*10
<10*10
NA
10
10
10
ES
0
NA
90
2.3 nm
<8*
<19*
<105*
NA
Not studied
ES
54-103
NA
84-87.8 1.3-1.9 nm
<2.5-5.5*10
<2-15*10
<25-95*10
NA
[220]
ES
123
200
NA
NA
4.1
0.68
213
NA
FEK4
ES
78
200
NA
NA
10*10
0.275*10
90*10
NA
ES
54
200
NA
NA
11*10
0.420*10
50*10
NA
[160]
ES
46.6
20
NA
NA
4.0
1.77
4.912 mmHg*15 NA
HUSMCs
[221]
Gelatin/Elastin/sodium hyaluronate 3D printing
NA
150
NA
400-500 µm*16
1.15
1.95*17
60
NA
NOF&NOK
1
2
3
4
5
6
* solvent: trifluoroethanol (TFE), * solvent: acetic acid and dimethylsulfoxide (DMSO), * two different solvents (acetone and 1,1,1,3,3,3-Fluoro-2-propanol (HFIP)), * resembles actual arteries, * iCVD skin layer, * PTFE
supporting membrane, *7 pore size of the PTFE membrane, *8 longitudinal, *9 across the fiber, *10 taken from graphical depictions, *11 no creep up to 15% strain at 0.25 Hz, *12 PCL (MW 14,000), solvent: hexafluoro-2-propanol
(HFP), *13 PCL (MW 80,000), solvent: HFIP, *14 preparation in two different flow rates, *15 burst pressure, *16 pore size of another side of the membrane is 50-150 µm, *17 dynamic tensile storage modulus is 314 kPa

PCL
PGA
Blend
PCL/HA
PCL
PCL/HA, 5:1
PCL/HA, 5:2
Collagen/ P(LLA-CL)
PCL/PGA

Polymeric membranes can play an important role in bioinspired lung cell models. Breathinginduced cyclic stretch is playing a pivotal role in lung biology. Current in vitro cell-stretching
models can benefit from advanced membranes with tunable biophysical and mechanical
properties. We offer perspectives on hybrid polymeric membranes mimicking the alveolarcapillary barrier.
Keyword: tunable polymeric membrane, porous ultra-thin scaffold, alveolar-capillary barrier, airliquid interface cell culture, in vitro cell-stretching model,
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