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Abstract
Membranes are fundamental elements within organ-on-a-chip (OOC) platforms, as they provide adherent cells with
support, allow nutrients (and other relevant molecules) to permeate/exchange through membrane pores, and enable
the delivery of mechanical or chemical stimuli. Through OOC platforms, physiological processes can be studied in
vitro, whereas OOC membranes broaden knowledge of how mechanical and chemical cues affect cells and organs.
OOCs with membranes are in vitro microfluidic models that are used to replace animal testing for various applications,
such as drug discovery and disease modeling. In this review, the relevance of OOCs with membranes is discussed as
well as their scaffold and actuation roles, properties (physical and material), and fabrication methods in different organ
models. The purpose was to aid readers with membrane selection for the development of OOCs with specific
applications in the fields of mechanistic, pathological, and drug testing studies. Mechanical stimulation from liquid
flow and cyclic strain, as well as their effects on the cell’s increased physiological relevance (IPR), are described in the
first section. The review also contains methods to fabricate synthetic and ECM (extracellular matrix) protein
membranes, their characteristics (e.g., thickness and porosity, which can be adjusted depending on the application, as
shown in the graphical abstract), and the biological materials used for their coatings. The discussion section joins and
describes the roles of membranes for different research purposes and their advantages and challenges.

Introduction
Organ-on-a-chip (OOC) membranes have gained rele-

vance as a high-potential technology for research in tissue
engineering1, drug discovery2, disease modeling, and
precision medicine3. OOCs can mimic an organ function
in a controlled in vitro environment, and membranes have
helped broaden knowledge of physiological processes
within a tissue. For example, OOCs enable cell differ-
entiation; thus, the state at which a cell exhibits a unique
morphology and/or functions more closely resemble that
observed in vivo. Ranging from systems that implement a
single cell line and fluid flow to the most complex mul-
tilayer tissue model, these miniaturized systems have been
used to tackle biological questions regarding the effects of
mechanical and chemical cues in tissue assembly and
cellular interactions. OOCs offer a flexible alternative that

rapidly evolves and should refine, reduce, and eventually
replace animal testing by overcoming its disadvantages,
including high costs, ethical concerns, and lack of repre-
sentativity. Importantly, these devices have enabled stu-
dies, such as wound induction and repair in internal
organs, that are otherwise extremely challenging and in
some cases impossible to carry out in vivo given the
inaccessibility of tissues4.
In the context of cell culture, OOC membranes are free-

standing semipermeable thin films with pores (often
smaller than cells) that allow drugs, metabolites, and
nutrients to be selectively transported and are involved in
cell communication and medium perfusion5; OOC
membranes function as scaffolding (cell support), provide
space separators, and sometimes perform actuation
through valving or stretch contraction. Membranes,
however, are not limited to film shapes, as the separatory
and permeation functions can be supplied by an ECM
cylinder6 or micropillar arrays7,8. For the purposes of this
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review, materials with interconnected micro- or nanopores
that function as scaffolds, supports or substrates for cell
culture will be referred to as membranes. Although a
membrane acts as a barrier, it is very important to dis-
tinguish this separatory function in OOCs from that of
filtration for other applications, such as wastewater treat-
ment or applications in food and beverage industries9.
First, membranes function as a support for cell culture

by acting as scaffolds. For this to happen, some degree of
adhesion must be achieved. Cell-scaffold interactions and
cell adhesion depend on several parameters, including
membrane material, surface chemistry, and topo-
graphy10–13. The ECM’s topography should be closely
mimicked, as it influences behavior such as migration and
specialization11,14. Most synthetic membranes do not
effectively mimic the native ECM properties and require
protein coatings (collagen, elastin, fibronectin, or laminin)
to enhance cell adhesion15,16. Growth factors, such as
vascular endothelial growth factors (VEGF), can also be
incorporated into the scaffold to promote cell survival17.
Nevertheless, it is important to note that the micro-
environment (e.g., media and gas supply, scaffold com-
position, etc.) also stimulates the receptors expressed by
the cells (e.g., epithelial cells bind to type IV collagen), and
thus the binding of the adherent cells to the ECM or the
membrane18.
The separatory role of membranes involves maintaining

cells and fluids in a chamber while allowing substances to
migrate and exchange through the pores19. Different cells
can be seeded on both sides of a membrane or even
migrate across it, depending on the membrane’s thickness
and the pore features, which enable cell communication
and cell‒cell contact20. Pore size is crucial for studying
mechanisms, such as the mechanisms behind the immune
response, homeostasis, cellular growth, shape, absorption/
excretion, and communication14. When selecting a
membrane, other factors that should be considered
include optical transparency for microscopy imaging19

and tensile properties21 for the mechanical stimulation of
cell layers. For example, in organs that require cyclic
mechanical stimulation, such as the lung and intestine,
flexible porous membranes can aid in mimicking
breathing or peristaltic motions, respectively3. Further-
more, the adjustment in physiological flows that generate
shear stress over the cells is a fundamental parameter for
their polarization and subsequent differentiation observed
in vivo20. The types, applications, and characteristics of
different membranes used in OOCs, which are discussed
in the manuscript, are summarized in Table 1 for the
reader’s convenience.
A recent work by Rahimnejad et al. provides a thorough

overview of the desirable characteristics of membranes
and their significance in OOC devices22. The paper
reviews the most relevant organs and the milestones that

have been achieved in mimicking physiological features
with microfluidic devices. In contrast, our review focuses
on the relevance of mechanical conditions in OOCs and
the membrane aspects that influence physiological
representativity. In addition, methods and materials used
to fabricate membranes are discussed. We provide specific
examples that describe the material and porosity of the
membrane, as well as the impact of its characteristics on
the results obtained. This includes the use of biological
coatings to increase physiological representativity. Our
review also highlights that the previous domination of
PDMS in microfluidics may face a decline as more bio-
logical membranes are being explored.

Relevant mechanical conditions for increasing the
physiological relevance of cells
Shear stress and chemical and mechanical cues are not

only crucial for cell survival but also impact cellular
activity, such as cell migration, mass transport via ion
channels, and protein conformational changes23. As
shown in Fig. 1, the implementation and combination of
physiological flows and mechanical stress in OOCs are
essential for elucidating cell interactions and responses to
their microenvironment11. This has become increasingly
relevant for pathological studies since more realistic
physiological environments (e.g., whole blood perfusion)
enable more physiological responses (e.g., patient-derived
cell culture)24. In these regards, membranes on OOCs
indirectly modulate cell exposure to external forces (shear
stress, fluid flow, mechanical stimulation) by acting as
supports, barriers, or shock absorbers. This section
reviews studies conducted on OOCs with polymeric
membranes in which the effects of fluidic shear stress and
mechanical actuation in different tissue cultures are
discussed.

Fluid shear stress in OOCs
Fluid shear stress (FSS) is immediately present in the

body through blood flow, playing a key role in metabolite
removal and triggering phenotypic changes25. As FSS
influences cellular structure and function, it is a key factor
and should be considered when creating in vitro micro-
environments that closely mimic those cells experience
in vivo26. In many OOCs, continuous fluid flow removes
metabolites, limiting the interaction with cells and
uptake27. Although detrimental to drug exposure studies,
this feature leads to the removal of inhibitory factors,
which aids the cell’s increased physiological relevance
(IPR), gene expression, and cellular performance. In turn,
cell IPR (e.g., through tight junctions that are required for
barrier function) helps restrict substance permeability in
mature cells.
Notably, porous membranes affect flow within OOC

devices. A study by Chung et al. calculated the permeability
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and distribution of flow rates based on the thickness and
porosity of the membrane28. Their findings showed that
characterizing the permeability of a tissue barrier in terms
of solute diffusion, fluid flow, and electric current can guide
the design and evaluation of tissue barrier and coculture
models. Solute permeability is an indicator of tissue barrier
tightness and active transport rate and can be estimated via
the permeability of tracer molecules. Fluid permeability, on
the other hand, indicates mature barrier formation, and the
general leakiness of a tissue barrier can be quickly assessed
through transepithelial/transendothelial electrical resis-
tance (TEER). FSS thus creates a dynamic microenviron-
ment within OOCs, interacting with elements such as a
porous membrane, that brings cells a step closer to organ-
level structure and function.

Creating a dynamic environment to promote cell
specialization
The relevance of shear stress can be traced to its effect

on cellular machinery, which senses and responds to
external changes. For example, brain microvascular
endothelial cells respond to FSS (e.g., capillary-like shear
stress ~6 dynes/cm2) by increasing cytoskeleton protein
production as well as tight junctions and transporter
proteins29. In the kidney, FSS (e.g., 0.2–5 dynes/cm2)
contributes to F-actin polymerization and depolymeriza-
tion, which impacts renal cell tubular morphology and
polarization30,31. Microvilli formation and mechan-
otransduction in intestinal epithelial cells, such as Caco-2
cells, are influenced by FSS (e.g., 0.002–0.03 dynes/cm2).
Shear stress causes epithelial brush borders to be reor-
ganized, which is fundamental for intestinal function,
through stimulating the mechanosensing proteins F-actin
(a cytoskeletal protein) and villin (an actin-binding mar-
ker of intestinal differentiation)32. As shown in Fig. 2a,
Caco-2 cells’ tight junctions formed at medium FSS
(between 0.02 and 0.01 dyn/cm2) but decreased at low
(0.002 dyn/cm2) and high (0.03 dyn/cm2) FSS. High FSS
levels increase vacuolization (a cellular stress indicator),
the production of protective mucus, and mitochondrial
activity due to the dependence of barrier integrity on
ATP32,33.
FSS, along with intra- and extracellular stimuli, impacts

cell specialization and eventually enables FSS sensing to
create a feedback loop. In addition, drugs, metabolites,
and other substances can be removed through FSS. As the
following cases will demonstrate, these functions are not
mutually exclusive.

Using FSS to study cell differentiation mechanisms in vitro
When using OOCs in which cells are exposed to FSS, a

membrane is usually implemented to provide support and
achieve nutrient diffusion through the pores. Shin et al.
conducted a study to elucidate the effect of basal andTa
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apical fluid shear stress on epithelial cells cultured in a
gut-on-a-chip. The device consisted of two apposed
microchannels separated by an ECM-coated PDMS
porous membrane (thickness 20 μm, pores 10 μm dia-
meter with 25 μm spacing). The authors demonstrated
that applying FSS as low as 0.02 dyn/cm2 simultaneously
to apical (top) and basal (bottom) channels achieved 3D
morphogenesis, but when the flow was applied only on
the bottom chamber, differentiation took 1.5 times
longer. Apical shear stress was insufficient to induce
differentiation in a single-channeled device, in which a
monolayer with occasional epithelial domes formed.
This result suggested that intestinal epithelial cells, when
polarized, might secrete an inhibitory factor that con-
centrates over the basal membrane and inhibits the
differentiation of epithelial cells to villi34. To further test
this hypothesis, researchers collected medium from
Caco-2 cells cultured in a static Transwell for three days
and flowed the samples through the bottom chamber of
the gut-on-a-chip while maintaining continuous fluid
flow on the apical chamber. This caused the 3D mor-
phogenesis of Caco-2 cells cultured in the gut-on-a-chip
to stop. Furthermore, the authors transferred a three-
week Caco-2 monolayer (grown in a static Transwell ®
setup) into a hybrid fluidic device (Fig. 2b, c) created
from silicone. Fluid flow was applied to the bottom

chamber alone, and within 48 h, 3D morphogenesis was
observed34.
The effect of shear stress on intestinal cell differentia-

tion is critical because it results in increased absorption,
mucus formation, and other intracellular metabolic
activities35. Blood flow, lymphatic flow, and other types of
bodily fluid movement contribute to the production of
FSS in vivo. Leung et al. further summarized that over a
certain optimal range, physiologically experienced FSS
displays direct proportionality with the phenotypes and
functionality of differentiated cells36. Several examples
using OOC models presented the significance of FSS on
cell differentiation, especially in tissues such as the
endothelium, bone, and cartilage that undergo substantial
shear stress. In a study by Lembong et al., a microfluidic
platform was designed to finely control the medium flow
and fluid shear stress. The system was used to dynamically
culture human mesenchymal stem cells (hMSCs) and
quantify their osteogenic differentiation37. The micro-
fluidic chambers consisted of vertical cylindrical pillars
(pillar diameter: 1 mm, pillar-to-pillar distance: 2.5 mm),
and cells were seeded within ∼200 μm. The study repor-
ted a 10-fold increase in the expression of the osteogenic
marker alkaline phosphatase (ALP) due to flow-induced
shear stress. In another study by Trieu et al., a micro-
fluidic device that uses airflow to polarize ciliated airway

Mechano-sensing

Fluid shear stress

Present in blood flow, kidney, intestinal microvilli
Present in lung (breathing), intestine (peristalsis),
                   heart (beating)

Functions Functions

Membrane role:

Membrane role: support and actuation. 

Metabolite removal (inhibitory factors)
Strengthen barrier (nutrient and oxygen transport),

***Tissue protection from non-physiological shear forces

At rest

Stretch

Cell differentiation (polarity),
alignment (collagen re-orientation),
contractility

Cell differentiation (morphology, polarization)
Gene expression (protein production)

support and nutrient diffusion
through pores

Media flow

Media flow

Porous
membrane

Further
differentiation/

maturation

Mechanical actuation
(cyclic motions)

Structural and
functional

resemblance to in
vivo organs

Recapitulation of
complex

mechanisms

Fig. 1 Membranes mediate cell mechanosensing under fluid shear stress and mechanical actuation. The combination of fluid shear stress and
mechanical actuation results in an increased cell differentiation, achieves a closer resemblance to in vivo organs and allows the recapitulation of
complex biological mechanisms, as opposed to the mechanical stimulation methods individually
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epithelium was developed38. This study aimed to evaluate
the effect of FSS on the polarization and differentiation of
airway epithelial cells by simulating the in vivo

environment of the respiratory tract. A bronchial epi-
thelial cell line (BEAS2B) and primary human tracheal
epithelial cells (HTECs) were seeded on a commercial

a

b c

Section 1
0.03–0.026 dyn/cm2

Section 2
0.026–0.019 dyn/cm2

Section 3
0.019–0.013 dyn/cm2

Section 4
0.013–0.007 dyn/cm2

Section 5
0.007–0.002 dyn/cm2

500 �m

20 �m 20 �m 20 �m 20 �m 20 �m

Fig. 2 Fluidic flow relevance in microfluidic devices. a OOC developed by Delon et al. (2019) to investigate the effect of fluid shear stress on Caco-
2 intestinal epithelial cells. The device is sectioned to deliver differential shear stress (top), with the highest shear stress on the left and the lowest, on
the right (Image adapted from Figs. 1 and 6 from reference32). The formation of tight junctions is monitored via immunofluorescence staining
(bottom) of ZO-1, a tight junction protein stained in green. b, c Hybrid insertable fluidic devices have been proposed by Shin et al. (2019) to
introduce fluid flow to Transwell ® inserts (Images adapted from Figure S5 from reference34 Supplemental Information)
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polyester porous membrane (Costar Transwell 0.4 μm
diameter) coated with collagen and fibronectin. The sys-
tem successfully exposed cells to physiologically similar
shear stress and induced the alignment and polarization
of ciliated cells. After 24 hours of airflow exposure, the
viability of both cell lines within the device was revealed,
along with normal differential cilia development.
Another study by Faley et al. investigated the role of shear

stress in the stabilization and enhancement of barrier
integrity in human brain microvascular endothelial cells
(BMECs) derived from induced pluripotent stem cells
(iPSCs)39. The BMECs were cultured on gelatin hydrogel
(approximate thickness 60 μm) under continuous perfusion
in a channel coated with collagen IV and fibronectin. The
results showed that barrier function declined on Day 7 for
static culture, and the values for continuous perfusion
culture remained similar to the initial values after 2 weeks.
Nonperfused cells also showed an increase in permeability.
The authors also explored stop-flow conditions, which
allowed nutrient exchange with minimal exposure to shear
stress. Under these conditions, the cells showed similar or
greater permeability than that of static cultures. The
authors concluded that although shear stress is not a
determining factor for BMECs to establish tight junctions, it
may provide a positive contribution to the barrier function
and integrity, probably through mechanical stimulation and
the reduction of oxygen-species degradation39.

Utilizing FSS to more closely mimic organ-level functions
In another study by Blundell et al., the authors investigated

glyburide (a gestational diabetes drug) transport and cell

differentiation in a placenta-on-a-chip with two channels
separated by a fibronectin-coated semipermeable poly-
carbonate membrane (1 μm diameter pores)40. As a pla-
cental barrier, the membrane was seeded with trophoblast
and human placental villous endothelial cell monolayers on
opposite sides. The study showed that continuous perfusion
triggered microvillus formation in the placental barrier due
to increased proliferation and intercellular junction forma-
tion. The differentiation of the placental barrier successfully
limited fetal drug exposure as it mimicked the transport
mechanism of the breast cancer resistance protein (BCRP)
that pumps components from the fetal compartment (basal
or bottom chamber in the device) back to the maternal
circulation. In these studies, multilayered organs were
mimicked and the cell layers on opposing sides of the
membranes differentiated through simultaneous contact
with fluid flow or FSS. In OOCs, cell exposure to external
mechanical cues, such as FSS and stress/strain, can be
adjusted to generate distinct specialization profiles, while
membranes could enable communication between cham-
bers and cell layers and provide support, further nurturing
the dynamic enclosed microenvironment.

Membrane mechanical actuation
Mechanical stimulation of the membrane via cyclic

motions is physiologically relevant for lung cells that
undergo breathing, intestinal cells that experience peristaltic
motions, or heart cells during beating. Mechanical stimu-
lation is usually delivered via vacuum suction of a pair of
lateral chambers on both sides of a membrane34,41–44 (Fig. 3)
or through electrically generated negative pressures3,4.

Gut-on-a-Chip

Vacuum
chamber

Vacuum
chamber

Vacuum
chamber

Mechanical strain

0% 30%

30%
0%

Gut
epithelium

Porous
membrane

Vacuum
controller

Cell channel
bilayer d

ca

b
Top channel

Bottom channel

5 mm

Fig. 3 OOC mechanical actuation. a A gut-on-a-chip proposed by Kim et al. (2012). b, c The device has a basal‒apical conformation, channels are
separated by a porous PDMS membrane. d The lateral vacuum chambers stretch the membrane, delivering mechanical stimulus to cells to mimic
peristaltic motions. Image adapted from Fig. 1 from reference41
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The application of mechanical stimuli to in vitro biolo-
gical systems broadens knowledge of normal and patho-
logical processes. For example, transport phenomena and
host-microbiome studies have demonstrated that the
peristaltic motions of the intestinal epithelium affect the
transport of oxygen and nutrients, as well as gut micro-
biota and mucosal homeostasis45,46. In another instance,
cardiac tissues subjected to uniaxial stress in vitro present
higher cell viability, IPR, and contractility47 due to the
formation of junction complexes that propagate electrical
stimuli for synchronous beating. In the lung, breathing
motion influences epithelial polarity and IPR. This is
fundamental to culture stress-sensitive cells, such as
patient-derived primary alveolar cells (that normally can-
not proliferate in vitro), which was achieved by Stucki and
collaborators using micro diaphragm deflection via cyclic
vacuum (0.2 Hz and 8% strain) on a 3.5 μm-thick PDMS
membrane with 3 μm diameter pores48. Another study
involving alveolar tissue demonstrated that cyclic
mechanical stretch can severely impair wound healing4.
The study employed a similar membrane to investigate
idiopathic pulmonary fibrosis (IPF, a disease in which scars
present lower elasticity than healthy cells) and found that
scarred areas experience higher mechanical stress due to
the lack of elasticity. In comparison to static cultures, the
increased strain caused by “breathing”mechanical motions
significantly impairs wound healing and causes apoptosis4.
Notably, the discontinuous support of the porous mem-
brane, in this case, was detrimental since the cell-ECM
interaction is critical to cell growth and repair4.
Mechanical actuation has also been shown to impact

cell alignment, which may be driven by the strain avoid-
ance mechanism or the presence or absence of a
restraining boundary condition (stretch or restrain)49.
Strain avoidance, or orientation perpendicular to the
applied cyclic stretch, occurs in endothelial cells, fibro-
blasts, mesenchymal stem cells, and osteoblasts. Finally, in
addition, to support and actuation, membranes in OOC
may also protect the tissue from the adverse effects of
nonphysiological shear forces; for example, when loading
hiPSC (human induced pluripotent stem cell)-derived
cardiomyocytes into a chip using centrifugation, the
membrane confines convective transport in the medium
module, while the cells located in the tissue chamber
remain viable and functional50.

FSS and mechanical actuation in OOCs
The combination of complex mechanical conditions,

such as FSS and mechanical stimulation, leads to the
generation of organ-level structures and functions that
more closely resemble those observed in vivo, allowing
the recapitulation of complex mechanisms51. For exam-
ple, a kidney-on-a-chip that cocultured hiPSC-derived
podocytes and human kidney glomerular endothelial cells

under cyclic stretch by vacuum suction (1 Hz; 10% strain)
and pulsed fluid flow (60 mL/h) successfully replicated the
differential clearance (selective filtration) of the glo-
merular capillary wall43. The authors demonstrated that,
in comparison to FSS alone, applying FSS and mechanical
stimulation results in significantly higher (p < 0.0001)
staining of nephrin, which is a protein indicator of
podocyte differentiation. Although both forces contribute
to podocyte maturation, mechanical stimulation was
shown to be fundamental for functional glomerular fil-
tration. Mechanical stimulation promotes cellular spread,
native ECM protein deposition (e.g., collagen IV), and
soluble factor production (e.g., VEGF or vascular endo-
thelial growth factors) that modulate key signaling path-
ways, such as glomerular development and podocyte
lineage determination43.
Another example is vessels, which undergo cyclical

strain in vivo due to transmural pressure and wall shear
stress from blood flow friction52,53. Transmural pressure
causes vessel wall expansion (deformation in all direc-
tions) and alters shear stress, which plays a role in the
blood flow direction. Both forces induce endothelial cell
sprouting and increase barrier function54. A model pro-
posed by Van Engeland and collaborators cultured human
aortic endothelial cells (ECs) and human aortic vascular
smooth muscle cells (VSMCs) under a fluid flow of 20 μL/
min and cyclic strain by suction (5–8%)44. These cells not
only sense and respond to alterations in blood flow but
also intercommunicate to regulate the formation and
remodeling of the vessel wall architecture44.

Membrane characteristics
Cells can sense changes in their environment, including

mechanical and chemical changes/cues that influence
their adhesion, morphology, growth, communication, and
migration processes55,56. To achieve this sensitivity,
membrane properties such as stiffness must be precisely
controlled. Stiffness can be adjusted via composition
variations, topography, and thickness, which can be
achieved via micro- and nanofabrication23. The main
parameters used to develop a membrane that functions as
a scaffold for cell culture are shown in Fig. 4.

Stiffness
Substrate stiffness generates differential patterns of gene

expression related to the ECM and adhesion proteins,
which impact cellular activity56. For example, when cul-
tured on a stiff surface, human mesenchymal stem cells
(hMSCs) are more spread, exhibit more stable focal
adhesion, and present faster migration and higher pro-
liferation rates56. These same cells have demonstrated
that soft matrices that mimic the brain are neurogenic,
while stiffer, muscle-like scaffolds are myogenic, and rigid
collagenous substrates are osteogenic11. In this context,
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materials that are affected by the surrounding environ-
ment, such as dry collagen membranes that are rigid and
resist bending when dry but are soft and gelatinous when
wet19, become particularly relevant in hybrid micro-
environments (e.g., lung) in which one chamber is
exposed to media and the other is exposed to air.

Topography
The membrane’s topography involves relief features such

as porosity that can promote tissue adhesion and assem-
bly56. Porosity, for example, allows cell migration and
increases surface area23. The membrane’s surface relief
structures can be positive or negative57 and influence
contact guidance or cell orientation in response to geo-
metries or fibers58,59. Positive topographies can be achieved
via surface modification with nanospheres60, micropillars,
or nanoparticles that provide anchor points61. Negative
topographies include ridges and grooves12,62,63. Cells
exposed to FSS present higher adhesion to membrane
surfaces with groove topographies, as they resemble the
native ECM12. Nanogrooves have been implemented to
study the alignment of Duchenne muscular dystrophy
(DMD) muscle cells on PDMS. A study conducted by Xu
and collaborators showed that healthy cells align perpen-
dicular to the grooves, while DMD-derived cells deviate
from the structures64. This finding underscores the
importance of the topography-responsive Dystrophin-
Associated-Protein-Complex (DAPC), a protein complex
that mediates the cytoskeleton-ECM interaction. DAPC
enables perpendicular fiber alignment, and defects in the
dystrophin protein, other DAPC components, or its
interactions with laminin result in DMD64. Another
example is bone tissue, as osteoprogenitors cultured on a

nanogrooved polycaprolactone membrane presented an
increase in cellular polarization and focal adhesions due to
contact guidance65. The aligned mineralization of osteo-
blasts has also been reported in nanogrooved polystyrene,
in which nanogrooves likely serve as nucleation points or
templates for features as small as 50 nm in width and
17 nm in depth66.

Thickness
Membrane thickness influences cell communication,

contact, and even tissue structure67. Track-etched com-
mercial membranes and many replica-molded PDMS
membranes possess thicknesses of ~10 μm that hinder the
needed protrusions and juxtapositions between cell types
through the pores44. In vivo, alveolar membranes are as
thin as 2.2 μm48, the placenta reaches ~4.53 μm at term40,
and the vessel basal lamina is less than 100 nm thick19.
Membrane thickness, however, cannot be reduced with-
out compromising structural integrity, and this tradeoff
must be carefully considered. Nonetheless, membranes
thinner than 10 μm have been reported and will later be
discussed in more detail. Other important considerations
are the reproducibility and reliability of the fabrication
method, as well as the environment to which the mem-
brane will be exposed, e.g., the fluid flow pressure that
could induce stress and deformation on the membrane.

Fabrication of synthetic polymeric membranes
Commercially available polymer membranes are com-

monly used in OOC research68, and their characteristics
vary across fabrication methods and materials. Poly-
carbonate (PC) and polyethylene terephthalate (PET)
membranes are well-known and frequently implemented
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Porosity, pore size
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Membrane material
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Fig. 4 Membrane characteristics can be adjusted to mimic in vivo surfaces and promote cellular specialization. Stiffness, topography and
thickness impact cellular structure, function and activity
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due to their wide availability and robustness2,67. These
membranes are track-etched and possess very precise
features. Nevertheless, they present limited transparency
that hinders the optical characterization of cell cultures69

and high stiffness that makes them unsuitable for
mechanical stimulation and stretching14. In addition,
although the pore diameter is well controlled, placement
is random, and thus, the porosity must be low to prevent
the pores from overlapping. Moreover, their thickness is
usually fixed at approximately 10 μm, which hinders cell‒
cell (juxtacrine) signaling that requires cell-membrane-to-
cell-membrane contact67,70. Another fabrication alter-
native is electrospinning, which cannot control pore size
and location well but provides highly porous scaffolds (up
to 80%) for cell culture, fully interconnected pores, and a
high surface-to-volume ratio71. The similarity to native
ECM and biocompatibility of electrospun synthetic poly-
mers, such as poly-lactic acid (PLA) or poly(lactic-co-
glycolic acid) (PLGA), have yielded this technology in
areas such as bone tissue regeneration and drug deliv-
ery72,73. Electrospun fibers have also been successfully
incorporated in on-chip devices; for example, the device
designed by Yang et al. to mimic the lung for drug testing
(3 μm thickness)1 or to entrap cancerous cells (8 μm
thickness) as proposed by Xu et al.74. Important chal-
lenges concerning electrospun membranes include the
need for conductive biocompatible polymers that can be
electrospun75, the potential cytotoxicity of residual sol-
vent in the fibers, their lack of transparency for micro-
scopy imaging and the nonuniform cell distribution given
the random alignment of the fibers, which limits
vascularization76.
The lack of transparency and stiffness are effectively

overcome by PDMS, a transparent silicone that has sig-
nificantly overtaken microfluidic device fabrication due to
its versatility77. PDMS has remained a relevant polymer
for porous membrane fabrication because it exhibits
several advantages, including accessibility, application
tunability, and fabrication feasibility through soft litho-
graphy or replica molding. By utilizing photolithography
or dry etching to create molds, the pore shape, location,
and separation can be precisely controlled. In general, due
to the establishment, replication, and refinement of OOC
fabrication protocols, PDMS has become a selected
material for routine OOC use78. Notably, despite its
advantages, PDMS remains a synthetic and foreign
material to cells; consequently, PDMS membranes require
protein coatings to enhance their biocompatibility. For
these reasons, the following section focuses on PDMS
fabrication and surface modification methods.

PDMS membrane fabrication methods
In addition to its high elasticity, optical transparency,

and biocompatibility, PDMS is an elastomer and a

standard material due to its high mechanical stability, low
chemical reactivity, and low thermal conductivity. How-
ever, the composition and intrinsic stiffness of PDMS
differs greatly from those of the native ECM3, impacting
cellular growth and adhesion. Furthermore, PDMS
hydrophobicity hinders biomolecule attachment and
protein adsorption79. Nevertheless, due to the gas per-
meability of PDMS, it is a suitable biochip material
because its conditions resemble aerobic physiological
conditions80. Gas permeability can also be a drawback
since the absorption and adsorption of small molecules
may distort the environment3. The permeability may also
compromise the evaluation of effective drug concentra-
tions or design of anaerobic environments, such as in a
gut-on-a-chip for obligate anaerobic bacteria coculture.
Several approaches have been proposed to address the
issue of drug absorption by PDMS. One approach involves
the addition of a PDMS-PEG block copolymer and sub-
sequent pretreatment with the drug at a high concentra-
tion prior to performing experiments. This method has
been shown to significantly reduce PDMS drug seques-
tration for four of the five drugs tested81. However, the
complexity and lack of knowledge on polymeric drug
absorption remain a challenge, as it appears to be largely
independent of the material’s chemical properties. To
better understand and address this challenge, researchers
have turned to computational methods, such as modeling,
to clarify and minimize drug absorption in microfluidic
channels. Shirure and George developed a two-constraint
1D model that considers drug convection, dissolution,
and diffusion to minimize drug absorption in a channel82.
Their work highlights the potential of using computa-
tional methods to tackle this complex problem.
PDMS membranes are a versatile and promising element

for OOCs, and recent developments in membrane fabri-
cation technology have created new avenues for in vitro
research on human physiology and disease. However, tra-
ditional PDMS microfluidic device manufacturing techni-
ques, including soft lithography, may involve drawbacks,
such as high costs and limited scalability. Therefore, to
overcome these limitations, novel fabrication techniques
are being developed, including electrospinning, surface
modification, additive manufacturing, and templating.
Using 3D printing with PDMS, it is possible to produce
microfluidic devices with complex geometries and features
that are difficult to obtain with traditional fabrication
methods. These techniques may enhance the performance
of PDMS-based membranes and broaden their applications
in the fields of tissue engineering, drug discovery, and
personalized medicine83,84.

Soft lithography
Submicron features are key for cell culture because they

allow cell‒cell communication and physical contact20,
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while thin membranes improve biomolecule transport
and nutrient transfer rate85. Due to the diffraction limits
of conventional photolithography (Fig. 5, left), the pro-
duction of PDMS membranes with pore sizes and thick-
nesses smaller than 5 μm is difficult14. High-resolution
photomasks (<2 μm) for silicon mold fabrication are
available but are expensive. Maskless laser direct writing
techniques provide an alternative solution to overcome
this limitation and provide flexibility concerning micron-
scale pattern design and 3D geometries86,87. Moreover, as
proposed by Le-The and collaborators, photolithography
can be combined with methods such as reactive ion
etching to pattern submicron photoresist (PR) arrays with
photolithography over a sacrificial PR layer88. In this
method, the arrays are covered with a PDMS:hexane
1:10 solution and spin-coated at 6000 rpm for 3 min. After
curing, the PDMS:hexane layer is etched using sulfur
hexafluoride and oxygen to open through holes (pores).
The membrane is later adhered to a supporting ring, and
the sacrificial PR layer is dissolved in acetone. This
method achieved membrane thicknesses down to 600 nm
due to the high spinning speed88. Molds can be alter-
natively fabricated using the deep reactive ion etching
(DRIE) method89. Stucki et al. fabricated a 3.5-μm-thick,
porous PDMS membrane by micro structuring-lamina-
tion, in which the PDMS prepolymer was poured and
pressed between a silicon mold with DRIE-structured

micropillars and a thin polyethylene sheet89. The resulting
membrane was implemented in an alveoli-on-a-chip,
achieving a total local thickness lower than 10 μm,
including the seeded cells48.
Thin membranes are more difficult to handle because

the risk of tearing increases with pore amount and size.
To handle thin membranes, many fabrication protocols
involve mold (e.g., SU-8 mold) pretreatment or the use of
sacrificial layers to prevent membrane adhesion to the
mold, which is usually hydrophilic. Silanization is a
treatment that prevents PDMS from sticking to the silicon
mold, allowing membranes to easily peel42,50,90. Soluble
sacrificial layers, such as polyacrylic acid (PAA), have also
been used to facilitate porous membrane release, with a
transfer success rate of over 85%14. Polyvinyl alcohol
(PVA) has also been used as a sacrificial layer for PDMS
structures91. In this regard, Pensabene and collaborators
proposed a method to create sacrificial PVA nanoneedles
to fabricate a poly (L-lactic acid) (PLLA) membrane for
human umbilical vein endothelial cell (HUVEC) culture.
The method uses femtosecond laser machining to form a
silica wafer with 1-μm-diameter pores, which is then
coated with a water/alcohol-based PVA release agent
known as Partall® Film #10 (Fig. 5, right). Then, a
sacrificial layer of PVA nanoneedles is replica molded
(needle final length of 10 μm). First, transparent PLLA is
spin-coated on top of the PVA nanoneedle array and left
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Fig. 5 Porous membrane fabrication processes can be divided into the following main steps: mold fabrication, treatment to reduce
adhesion, and membrane fabrication. Left: a widely implemented technique is photolitographic mold fabrication and posterior replica molding.
Right: laser machining mold fabrication to create dissolvable molds is a novel fabrication approach
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to dry. Then, the sacrificial PVA array is immersed in
deionized water to dissolve and help the PLLA membrane
release20. After de-molding from the reusable silica mold,
the PVA sacrificial array displayed over 90% perfect
release of nanoneedles. Scanning electron microscopy
(SEM) analysis revealed that this method achieved a pore
diameter of 1.858 ± 0.33 μm.

Pore formation via high-pressure saturated steam
Pore formation via high-pressure saturated steam has

been explored by Jang and collaborators via an autoclav-
ing cycle79. This method combines temperature, pressure,
and moisture to generate micron-scale bubbles that
become pores once PDMS has been cured (Fig. 6). The
process reduced the membrane thickness, which
enhanced the membrane’s physical properties, increasing
Young’s modulus, roughness, and air permeability79.
Membranes with decreasing thickness possessed a higher
number of pores with small pore sizes (<5 μm) and thus
were densely packed. Furthermore, the increased surface
area notably enhanced platelet, DNA, and collagen
adhesion, although the molecules concentrated in the
edges of the pores since the increased roughness pre-
vented the molecules from entering the inner pore walls.

Alternative methods: 3D printing, electrospinning, and others
Alternative techniques include PDMS 3D printing and

the use of porogens (dissolvable particles such as salt
and sugar)92 and particles (glass microspheres)93 for
micropatterning. A study conducted by Ozbolat and
collaborators found that PDMS 3D printing improved its
mechanical properties compared to cast samples (Fig. 7).
Five mixtures of low viscosity (SE 1700) and shear

thinning (Sylgard 184) PDMS in different ratios were
tested in the transverse and longitudinal directions since
the printing direction affects the mechanical properties
in additive manufacturing. The increase in ultimate
strength and failure strain was attributed to the
decreased porosity and bubble entrapment during
extrusion. PDMS 3D printing was found to improve cell
adhesion by ~90% compared to flat cast samples62. The
uneven surfaces produced in 3D-printed PDMS facili-
tated cell adhesion and spreading, whereas cells in cast
samples formed aggregates and presented a more
rounded morphology. 3D printing enables prototyping
and may enable the creation of membranes with novel
complex geometries94.
To easily extend from single-organ OOC to multiorgan

OOC (or more specifically, from double-compartment to
multicompartment), Lei et al. demonstrated an OOC
fabrication method using 3D printing of PDMS pre-
polymer onto a nanofiber membrane (approximate
thickness 30 μm and pore size <5 μm)95. Compared to
mechanical fixation previously described in the literature,
this method achieves better control of material deposition
and more stable bonding between the nanofiber mem-
brane and microchannels. Furthermore, a PDMS-based
OOC was produced using electrospinning methods. To
create movable membrane cavities, pillar cavities, and
porous scaffolds important for OOC design, PDMS was
employed in a manufacturing approach presented by Qiu
et al.96 that combines electrospinning and 3D printing.
This approach achieved electrospun nanofibers ~25 μm
thick with a porosity of 20.42%.
Complicated PDMS structures have been built through

sacrificial templates. To fabricate a PDMS membrane that

Stage 1: 25 Stage 2: 100 Stage 3: 0 Stage 4: 0.12100 °C 120 °C 0.12 MPa
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Fig. 6 Porous PDMS membrane fabrication via high-pressure saturated steam method proposed by Jang et al. (2019). Schematic illustration
of 4 stages: 1st—initial heating process to 100 °C, 2nd—temperature increase from 100 °C to 120 °C for pressurization, 3rd—pressurization at 0.12
MPa for 20 min, 4th—pressure release for 40 min. Image from Fig. 1 reference79
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achieves cell adhesion and viability assessment, Keshtiban
et al. created a time- and cost-efficient porous membrane
in which a sacrificial layer (PVA) and an O2 plasma sur-
face treatment were employed97. Ferreira et al. presented
a novel way to construct intricate multilayered PDMS
fluidic devices with integrated microactuators suited for
OOC applications98. In their study, cells were seeded on a
PET membrane (thickness 16 μm, pore size 8 μm), and
featureless PDMS foil sheets were used for actuation. The
authors noted that silanization of the PET membrane with
bis-amino silane did not affect cellular homeostasis or
induce cytotoxicity.
Due to its advantages, PDMS has become an appealing

material for the fabrication of various microfluidic chips.
However, because of its hydrophobic nature, PDMS is not
an adequate substrate for cell attachment and growth. The
following section briefly discusses the mechanisms involved
in cell-membrane adhesion as well as the materials often
used to enhance cell growth on PDMS membranes.

Protein and hydrogel membrane coatings
This section addresses the main biomaterials used to

enhance synthetic membrane biocompatibility or pro-
mote cell interactions with the substrate. Emphasis is
placed on commonly implemented and well-characterized
biomaterials, such as collagen, fibronectin, and hydrogels.
Additionally, biomaterial patterning is introduced as a
means to delimit the desired areas for cell growth in
membranes or substrates.

Proteins for OOC membrane coating
Collagen and fibronectin are two proteins mainly

implemented individually to mimic the ECM in vitro.

Collagen, the most abundant protein in the native ECM99,
is a stiff, tension-bearing fiber that functions as a stabi-
lizer100. It acts as an endothelial cell propagation agent to
increase cell yield, survival, and proliferation101. Conse-
quently, collagen has been used in various organ models,
such as alveoli48, spinal cord102, and intestine103,104.
Fibronectin is the second most abundant protein in the
native ECM and a major tissue component that functions
as a template during early development as well as wound
healing100,105. Fibronectin is also a mechano-regulator
protein that, when unfolded, presents arginine-glycine-
aspartic acid (RGD) integrin-binding sites that bind to the
cytoskeleton, a cellular structure that enables cell con-
traction106. This “master organizer” protein functions as a
primary structure that later promotes the deposition of
native collagen I and elastin, and therefore, it is used to
form soft connective and elastic tissues, such as skin,
lungs, ligaments, and tendons107. Fibronectin has been
used to coat synthetic membranes in a wide variety of
OOCs, such as lung4,24,42, intestine108,109, blood vessels44,
kidney110, and placenta40. Despite having specific roles,
collagen, and fibronectin have been used for the same
kinds of cells and appear to have functionality overlaps.
The choice of one or another may also involve pricing, as
well as the practical considerations in wet laboratories
(solution preparation, spreading, and consistency).
The combination of collagen and fibronectin results in

synergistic structural support that has been shown to pro-
mote cell adhesion and proliferation111. Fibronectin initially
directs the hierarchical assembly of the ECM and regulates
the localization of collagen, and later, collagen stabilizes the
structure100. Cell contractility and migration are enhanced
through fibronectin-collagen interactions112,113 due to
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Fig. 7 PDMS 3D printing improves cell adhesion and spreading due to uneven surfaces. Immuno-images of adhered cells on cast and 3D-
printed surfaces. Image from Fig. 6 reference62
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durotaxis or cell migration up stiffness gradients114. Col-
lagen and fibronectin combinations have been implemented
for epithelial or vascular cell lines in alveoli24, kidney110,115,
and intestine108. Matrigel ®, an ECM-based, murine-
derived hydrogel, is a widely used matrix since it resem-
bles the epithelial basement membrane. Matrigel ® has
been combined with collagen I to culture epithelial lung
cells90 and is common for applications related to the gas-
trointestinal tract, such as the gut34,41,116,117, intestine33,118

and colon119, with cell lines such as Caco-2 and human
intestinal microvascular endothelial cells (HIMECs).
Matrigel® also contains proteins such as laminin and
heparan sulfate proteoglycan, both ECM structural ele-
ments that influence cellular phenotypes and FSS sensing,
respectively120,121. However, its variable growth factor
composition can undesirably affect gene expression; thus,
natural proteins are more reliable coatings122,123.
Proteins can be coated on membranes as a single layer

or locally in specific shapes or patterns. The selective
transfer is achieved via microcontact printing (μCP) or
microfluidics and provides geometrical cues to which cells
(e.g., cardiac tissue or muscular fibers) respond through
changes in direction and alignment124. μCP protein pat-
terns can reach sizes as low as 0.5 μm; however, pattern
integrity depends on the feature size and the chemical
nature of the membrane, as larger features and hydro-
phobic surfaces present more robust binding125,126. A
study conducted by Wright and collaborators achieved
fibronectin patterning onto PDMS and polystyrene with
reusable 10-μm-thick parylene-C stencils (Fig. 8)126.

Hydrogels for OOC membrane coating
Hydrogels effectively mimic the ECM’s chemical com-

position and mechanical properties127 and can therefore
biophysically stimulate cell differentiation and alignment128.
Hydrogels are 3D polymeric networks that swell in aqueous
solutions and remain insoluble due to their crosslinks129

and have been widely used in tissue culture to study cell-
matrix and cell‒cell interactions130. Hydrogel physical and
biochemical properties can be tuned by adjusting its com-
position, degree of polymerization and crosslinking den-
sity131. Natural hydrogels, such as alginate, chitosan, and
hyaluronic acid (HA) are biocompatible; e.g., HA possesses
the receptor CD44, which results in cell adhesion when
bound74. Semisynthetic hydrogels, such as gelatin metha-
cryloyl (GelMA), contain natural and synthetic compo-
nents. Gelatin is a product of collagen hydrolysis that
contains cell-attaching sequences, such as RGD and matrix
metalloproteinase peptide motifs, through which cells can
attach, proliferate and spread. Methacrylamide and
methacrylate are synthetic elements that improve thermo-
stability and photocrosslinking131.
Given their intrinsic brittleness, hydrogels are mostly

fabricated on a supporting substrate (e.g., synthetic

membranes or films, glass); nevertheless, they can be
functionalized or combined with other materials, such as
copolymers, to create free-standing membranes132.
Hydrogels can be microfabricated by photopatterning and
micropatterning, stereolithography, micromolding,
microfluidics-enabled viscous fingering, and bioprint-
ing130. Stimuli-responsive hydrogels can be actuated or
patterned via pH, temperature, ionic strength, and electric
or magnetic fields129. Poly(N-isopropylacrylamide)
(PIPAAm) is a thermoresponsive hydrogel that switches
its solubility and aggregation in an on-off fashion due to
its lower critical solution temperature (LCST). PIPAAm
displays hydrophobic behavior at 37 °C (shrinkage and
ligand exposure for cell binding), while below its LCST
(32.1 °C), its surface becomes hydrophilic and swells133.
Thermally responsive membranes can be used for
potential on-chip applications, such as cell monolayer
release after the temperature is decreased from 37 to
20 °C133. Another possibility is filtration since the mem-
brane can be reversibly switched to block or allow
molecule diffusion127. Another stimulus-responsive
hydrogel is chitosan, the polymerization of which can be
altered through protonation. A pH-responsive chitosan
membrane is further discussed in the next section.
Although hydrogel properties (e.g., tensile strength and
water content) can be tuned, there may be a tradeoff
concerning some of their key advantages. An increase of
over 15% in GelMA’s methacryloyl (synthetic component)
content decreases its degradability and negatively impacts
cellular growth130. Another example is a gelatin-
hydroxyphenylpropionic acid (Gtn-HPA) conjugate, as
the reaction catalysts hydrogen peroxide (H2O2) and
horseradish peroxidase (HRP) increase the hydrogel’s
stiffness, which negatively impacts cell attachment and
proliferation56.
We have discussed the reasoning and advantages of

biological coatings on synthetic membranes. Another
alternative is fabricating membranes created solely from
biological materials, such as protein ECM components;
this provides an alternative method to create more phy-
siologically representative environments. Protein-based
membranes, their fabrication methods, and incorporation
into OOCs are discussed in the following section.

Biological ECM protein membranes
The extracellular matrix can be structurally divided into

two parts. One is the compact and porous basement
membrane, composed of proteins such as collagen IV,
fibronectin, and laminin. The other part is the dense and
hydrophilic interstitial matrix, which is composed of
proteoglycans and fibrillar (type I) collagens134. The ECM
is not only relevant as a support structure but is also
crucial for basic cell adhesion, growth19, and common
cellular functions, such as signaling, differentiation, and
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phenotype definition6. Cells respond to the surrounding
ECM by secreting proteins, as well as adapting to and
remodeling their environment to comply with their
functions135. Thus, the ECM plays a bioactive role in
homeostasis and influences the cellular response in health
and disease3.
ECM membranes are those constituted by densely

packed protein fibers present in the native extracellular
matrix. These membranes provide a large surface contact
area for cells136,137, as well as mechanical and chemical
cues similar to those found in physiological environments.

Because of their native-protein composition, ECM
membranes are more biologically representative, as they
can generate better cellular responses than those of syn-
thetic polymeric membranes. Membrane composition can
be modified through protein content to adjust physical
aspects (e.g., stiffness, permeability, transparency, and
porosity) or chemical characteristics to which cells
respond (e.g., adhesion and organization) to provide cells
with instructive cues to modify their phenotype, as well as
regulate or dysregulate their behavior19. Integrins are
transmembrane proteins that transduce external signals

2. Incubate with
solution of labelled
protein or cells

1. Add parylene membrane
to PDMS, polystyrene or
glass substrate

5. Recover parylene
membrane

4. Remove parylene
with tweezers

3. Wash off non-
adhered solution

Methacrylated Glass Polystyrene

200 �m

200 �m100 �m

100 �m

d

c

e

b

Recover patterned substrate

a

Fig. 8 Protein and cell patterning. a Schematic of the patterning process with reusable parylene stencil. b, c Fluorescent protein pattern. d, e Cell
patterning (NIH-3T3 fibroblasts) on PDMS, substrate initially coated with FN to increase adhesion126. Image adapted from Figs. 2, 4, and 6 from
reference126
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and experience conformational changes. Integrins interact
with ECM proteins (collagen, fibronectin, laminin) and
affect cell shape through their connections with the
cytoskeleton138. The advantages of ECM membranes in
cell culture were demonstrated by Wang et al., who
compared colonic cell culture on three different
fibronectin-coated devices. A membrane-less device
showed a decline in cell viability after Day 1 and main-
tained round cell morphology, which indicates a lack of
differentiation139. The viability further decreased to 76%
on Day 5, indicating an early apoptotic phase136. A device
with a Transwell ® polyester membrane (10 μm thickness,
0.4 µm pore size) presented slightly improved viability
(85% on Day 5), and the cell morphology changed from
round to elliptical after confluency, which indicates partial
cell spreading. The small difference in viability could be
attributed to the more dynamic environment introduced
by the membrane. However, the cellular death phase was
soon observed. The third device comprised a 15 μm thick
collagen membrane (with pore diameter ~10 μm), and in
contrast with the other two devices, presented no
decrease in viability up to Day 5. Moreover, the dynamic
environment and native-like material induced several
types of cell morphologies, including round, squamous,
and intertwined with the collagen fibers, which is an
indicator of close cell-membrane interaction136. The
dense reticular structure of this membrane better sup-
ported growth and viability as the cells further differ-
entiated in the presence of a more biological environment.
The viability on Day 5 showed a 10% improvement over
that of the polyester membrane. Furthermore, the cells
cultured on the collagen membrane displayed several-fold
higher tight junction proteins (F-actin, ZO-1, and ezrin)
than that of the other two devices. Actin is relevant for
cell division, while the tight junction protein ZO-1 reg-
ulates barrier function, and ezrin aids in cell adhesion and
migration. A major challenge with this ECM membrane is
its fabrication process, as it is difficult to pour and spread
the ECM solution onto the mold due to the viscosity and
surface tension136. Additionally, the proposed method
involves mechanical peeling, which is technically chal-
lenging for thin membranes due to the risk of tearing. As
an alternative, Mondrinos and collaborators proposed
ECM membrane fabrication using vitrification through
cycles of drying and hydration of ECM hydrogels.
Through this method, a collagen membrane with a
thickness of 20 µm and nanoscopic pores ( ~ 250 nm) was
obtained19. Despite the dense network of randomly
oriented fibers, the membrane was optically clear, and it
presented a lower light absorbance than that of polyester
Transwell ® membranes. The composition was then
modified by adding Matrigel® to collagen to enhance the
transparency of the membrane; however, this also resulted
in a reduction in Young’s modulus due to the decrease in

fibrous collagen content. Both membranes presented low
gas permeability because of their densely packed fibrous
structure. To increase the membrane’s pore size (700 nm)
and consequently, the permeability, alginate was added as
a sacrificial material, which after membrane gelation was
removed using DDI water. Collagen membranes exhibit
several advantages, such as long-term stability, main-
tenance of structural integrity, and resistance to proteo-
lytic degradation19,140. Nevertheless, when the membrane
is hydrated, its resistance to bending and stiffness are
altered, and it becomes a more compliant and softer
gelatinous matrix. A similar mechanical behavior (col-
lagen membrane Young’s modulus ~660 kPa) is observed
in tissues, such as the lens capsule (0.3–2.4MPa); this
behavior is advantageous in applications that require
actuation or membrane deformation.
ECM membrane-on-a-chip (in situ) fabrication is an

innovative approach that prevents membranes from being
exposed to ambient conditions and simplifies device fab-
rication141,142. Herland and collaborators used this on-
chip fabrication approach for a blood‒brain–barrier (BBB)
model, where a cylindrical lumen membrane was fabri-
cated through viscous fingering displacing a viscous liquid
(collagen I solution) with a less viscous liquid (culture
medium)143. The model employed microfluidics to deliver
cells with TNF-α to study the inflammatory response via
the cytokine release profile. A square-shaped micro-
channel was filled with collagen I, and then hydrostatic
medium flow was applied to the finger through the
solution, creating a cylindrical lumen after gelation. The
model cocultured three cell types; astrocytes were mixed
with collagen prior to viscous fingering, and the lumen
was later lined with pericytes (seeded statically) and
endothelial cells (seeded under fluid flow) to create an
endothelial layer. As a result of multilayer cell seeding,
ECM-embedded astrocytes extended processes toward
the endothelium, pericytes tightly associated with the
basement membrane, and the endothelial cells lining the
collagen cylinder secreted their own basement membrane
and formed a microvessel-on-chip143. The luminal 3D
conformation presented a homogeneous collagen network
that mimicked the subendothelial brain space more
accurately than planar models. Moreover, the membrane
presented an improved barrier function compared to that
of monolayers and cocultures on Transwell ® inserts.
It is difficult to replicate physiological interactions

between the vascular endothelium and parenchymal sides
(native interface) with organ-on-chip technology, mostly
due to the restrictions of the microfluidic chip archi-
tecture144. Porous membranes (PC-, PDMS-, or PET-
based) are frequently employed to mimic the functionality
of the basal lamina to address this problem. These
membranes are stable but present issues when simulta-
neously mimicking physiological interactions and
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signaling. Ideally, in an OOC, the barrier between the
parenchymal channel and the endothelial channel should
allow direct cell‒cell interaction without the interference
of a nonphysiological membrane70. By using a temporary
membrane, it is possible to create a coculture of different
cell types on the chip without using an artificial or syn-
thetic membrane. Endothelial cells develop natural basal
lamina when the artificial membrane separating two cell
types is removed, resulting in a stable basement mem-
brane between parenchymal and endothelial cells143.
Another BBB-on-a-chip that implemented in situ fab-

rication achieved a temporary chitosan membrane using
microfluidics. The membrane functions as a support for
astrocytes; once astrocyte culture is established, the
membrane is removed to coculture endothelial cells in
direct contact with astrocytes (Fig. 9e). Chitosan is a pH-
responsive, chitin-derived polysaccharide145 that resem-
bles the ECM stiffness, water content, and cell adhesion.
Membrane fabrication was carried out leveraging chit-
osan’s pH-responsiveness via interfacial polymerization.
Carbonate (neutral, pH 7.0) and phosphate (basic, pH 9.6)
buffers were co-flowed on a microfluidic device (Fig. 9b).
The chitosan membrane is formed between the interface
between the buffers. Chitosan is injected and contacts the
carbonate, which protonates chitosan and makes it solu-
ble. Then, chitosan polymerizes through deprotonation
when it contacts the basic phosphate buffer. After seeding
astrocytes on one side of the membrane, chitosan was
removed via protonation through an acetic acid solution
(pH 5.0) (Fig. 9c, d). Later, endothelial cells were seeded in
direct contact with astrocytes, achieving membrane-free
BBB coculture70. The method achieves close cell

association, induces endothelial cells to produce a native
and stable basement membrane, and is not cytotoxic. As a
natural hydrogel, chitosan provides excellent support, but
its biocompatibility and mechanical properties can be
improved when combined with proteins such as col-
lagen146. ECM and ECM-like biomaterial membrane
fabrication can greatly improve cell viability on-chip and
generate more physiological responses than those of
synthetic membranes. The implementation of responsive
materials, such as chitosan, also provides an alternative
method to create temporary barriers for coculturing dif-
ferent cell types that contact each other without
intermediaries.

Summary and discussion
OOCs remain a powerful in vitro platform to study

biological responses, impact disease treatments, and
replace animal testing for drug discovery. The demand for
more physiological environments to obtain representative
results increases when body-on-a-chip platforms are
favored for more complex applications, such as persona-
lized medicine. This emphasizes the relevance of physio-
logical models to study defective cell signaling that leads
to pathology and the efficacy of drug candidates. In this
context, membranes significantly increase OOC repre-
sentativity to effectively mimic in vivo responses; they
enable cell communication through pores or act as bio-
logical supports to enable cell-matrix interactions.
Depending on the desired cell type and application, the
membrane characteristics (porosity and thickness),
material (biocompatibility, elasticity, transparency), fab-
rication method (feasibility, and reproducibility), and

V1

2

3
4 5

1

2

3

4 5

500 �m

500 �m500 �m500 �m AstrocytesAstrocytesAstrocytes

c

a b

d e

Membrane

Endothelial cells

1

V2

V3

Fig. 9 Tibbe et al. (2018) in situ chitosan membrane fabrication. a Chip design where V1 is the inlet for a basic solution (pH 9.6), V2 the inlet for
the chitosan solution, and V3 the inlet for the neutral (pH 7) solution. The chitosan membrane forms at 4, whereas 5 is the outlet for the chitosan
solution. b Bright field image of the basic solution (red), chitosan solution (transparent), and neutral solution (blue). The experiment is depicted in
c–e. After membrane polymerization, astrocytes are seeded in the bottom chamber (c), the chitosan membrane is later removed (d) and last,
endothelial cells are seeded in direct contact with astrocytes for coculture (e). Image adapted from Figs. 1 and 3 from reference70

Corral-Nájera et al. Microsystems & Nanoengineering           (2023) 9:107 Page 19 of 25



topography (micropillars or grooves) must be carefully
selected to achieve direct interaction between the cells
and membrane. In this section, we outline and summarize
the importance of various membrane parameters that
were previously described with examples.
The biophysical forces in the microenvironment and the

membrane material properties influence cell growth and
development. Continuous perfusion and FSS enable
inhibitory factor removal and 3D morphogenesis, while
cyclic mechanical stimulation influences cell contractility
and alignment. The combination of both stimuli leads to a
more accurate replication of organ function. On the other
hand, membrane thickness directly influences cell com-
munication through the pores. Porosity in turn regulates
the interaction between chambers and influences cell
adhesion and then differentiation. Relief features influ-
ence cell alignment, attachment, and ECM deposition.
The chip design and fluidic components are also funda-
mental for membrane shape and tuning. Stacked cham-
bers are often used with PDMS porous membranes for
cell communication, while lateral chambers often imply
mechanical stimulation. Regardless, pore size and thick-
ness are adjusted as a function of the cell type and
application.
The introduction of Transwell ® inserts established the

separation of the apical and basolateral contents of a well
by means of a membrane (PET, PC). Today, Transwells ®
are the gold standard for epithelial transport due to their
robustness and reproducibility147 and are considered a
baseline for comparison with microfluidic devices with
similar basal‒apical conformations27,116,136,148. Trans-
well® cell culture, however, allows cell polarization of a
monolayer149 and lacks liquid flow, both of which are
nonphysiological conditions that do not support tissue-
specific differentiation147,150. To address the absence of
liquid flow, hybrid insertable devices34 allow longer-term
cultures, emphasizing the relevance of fluidic flow for
biological systems. Ultimately, the demand for even more
dynamic environments (e.g., simultaneous liquid flow and
mechanical stimulation) resulted in the development of
OOCs that achieved longer-lasting viability and superior
physiological mimicry than their static equivalent
(Transwells ®). OOCs also introduced a wide diversity of
designs, membranes, cell types, and materials, which
benefited the compatibility with external equipment (e.g.,
pumps and probes for sensing) and device element cus-
tomization, e.g., incorporation of electrodes for real-time
monitoring and stimulation63,151. On the other hand,
these diversities pose challenges concerning standardiza-
tion and reproducibility.
Alternatively, fabricating membranes poses several

challenges involving robustness, comparison, and stan-
dardization. Membrane fabrication entails characteriza-
tion and testing prior to incorporation into a device. The

lack of a gold standard particularly affects those protein/
ECM-based membranes, as synthetic membranes can be
compared to Transwell ® for static studies. This renders
many studies comparing their membrane material with
itself in different conformations, thicknesses, or porosities
only or contrasting with a static well culture, which
despite being a standard becomes more unsuitable as
OOCs become more specialized and combine features
that vary according to each study’s specific aims.
Commercially available synthetic membranes (PET, PC)

provide repeatability and can be readily compared with
Transwell® cultures. Therefore, these membranes are
implemented in studies of biological functions, such as
elucidating specific mechanisms of gene expression108 and
culturing sensitive primary cell lines. However, their lack
of transparency and flexibility hinders microscopy mon-
itoring and mechanical stimulation of the cultured cells,
respectively.
Transparent and flexible PDMS is a widely used alter-

native with well-characterized mechanical and chemical
properties152–154. PDMS membrane elasticity enables the
direct transmission of mechanical stimulation to the cells
in OOC. Membrane fabrication methods are greatly
focused on photolithography and replica molding (soft
lithography), although innovative methods have been
proposed. For instance, the application of high-pressure
saturated steam using a conventional autoclave enabled
the development of synthetic polymeric membranes with
pore features smaller than 5 μm. Smaller sizes could be
achieved by combining, for example, laser micromachin-
ing and sacrificial molds (for example, when a PVA
nanoneedle mold was used for porous PLLA membrane
fabrication). PDMS chips and membranes are also com-
mercially available. As an example, the S-1 Stretchable
Chip marketed by Emulate Inc. provides a PDMS mem-
brane for cell mechanical stimulation. The chip can
emulate several organs (liver, kidney, blood vessel)
through the culture module, which controls both media
flow and stretch, achieving a high transcriptomic simi-
larity of the OOC with its in vivo equivalents. For
instance, the S-1 Chip has been reported to accurately
emulate the mucus layer physiology of human primary
colonic intestinal epithelial cells119.
Smart materials enable alternative cell stimulation

approaches. For example, thermoresponsive PIPAAm was
used in regenerative medicine for cell monolayer release
when the temperature was decreased below the LCST.
Conductive materials or coatings are also a promising
approach for organs that need electrical stimulation, such
as cardiomyocytes155 or neurons156. However, synthetic
hydrophobic membranes, including PDMS, require pro-
tein coatings or surface treatments to enhance cell
adhesion136. The protein coating does not compensate for
the biochemical composition and mechanical properties
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(stiffness, topography) of the native ECM, as the bulk
material (PDMS) remains unnatural19. On the other hand,
the composition of ECM membranes created from col-
lagen or chitosan closely mimics the native ECM.
Nevertheless, to achieve an accurate physiological
response in vitro, membranes should recreate the
mechanical stimuli faced by cells in vivo (namely, stiffness
and elasticity, which influence their IPR, durotaxis, and
adhesion), including suitability for mechanical actuation.
The ability to tune the stiffness of the membrane by
adjusting its composition or production parameters is also
important, as it allows for the creation of membranes with
a range of stiffnesses that can mimic the mechanical
properties of different types of tissue barriers. Addition-
ally, the membrane should be thin and flexible enough to
allow for mechanical stimulation of the cells grown on the
membrane through flexing or stretching. Examples of
such membranes include PDMS membranes and
collagen-elastin (CE) membranes. CE membranes, in
particular, have composition and mechanical properties
similar to those found in vivo. Their stiffness can be tuned
by adjusting the CE ratio, the production mode, and/or
parameters such as temperature, allowing for the creation
of membranes with stiffnesses ranging from several
hundred kPa down to 1 kPa157. The mechanical properties
of these membranes can be characterized using techni-
ques such as the bulge test and atomic force
microscopy (AFM).
Studies involving ECM membranes are predominantly

oriented toward analyzing the membrane’s mechanical
characteristics, physical properties (e.g., permeability),
and cell-membrane interaction to compare the mem-
brane’s physiological representativity with that of stan-
dard tissue culture platforms (e.g., petri dish, Transwell
®)19,149. Perhaps a greater challenge is the standardization
of film-shaped ECM membrane fabrication, which
encompasses straightforward methods (pour and dry) that
lack reproducibility in parameters such as thickness and
protein concentration19,136. Due to differential protein
behavior in varying environments (e.g., brittle vs. gelati-
nous consistency in dry and wet environments, respec-
tively), in situ luminal-membrane fabrication is attractive
for applications such as the vessel or kidney that benefit
from cylindrical membrane conformations that emulate
in vivo vascular structures. In this regard, collagen is
currently a preferred material over fibronectin due to its
wider availability, lower cost, and superiority in promot-
ing proliferation and providing structural support for
cells101. Fibronectin, on the other hand, promotes the
deposition of more flexible proteins, such as elastin and
laminin, which are necessary for tissues such as the skin
and lungs. ECM membranes, however, are comparable to
Transwell ® (synthetic membranes) only when the same
experiment is performed and the synthetic membrane is

used as a control, as currently there is no readily available
ECM membrane standard. Nevertheless, ECM mem-
branes compete with well-established PDMS membranes
(and their more standardized techniques), and thus, the
development of more robust ECM membrane fabrication
methods might level off PDMS dominance in microfluidic
devices.
When evaluating the use of porous membranes for cell

seeding, it is important to consider the potential use of
hydrogels and ECM proteins as alternative surfaces. For
example, hydrogels and ECM proteins are particularly
useful for creating tubular or cylindrical conformations,
such as vessels143, in which case lining a channel with the
matrix can provide sufficient support for cell growth.
However, not all OOC designs rely solely on hydrogels
and ECM proteins. Epithelial layers, on the other hand,
require a larger surface area for growth and junction
formation. In these cases, porous membranes may still be
necessary to provide the necessary surface area and sup-
port for cell growth.
For 3D vessel self-assembly networks, incorporating a

membrane into the chip may not be necessary158. The
self-assembly of vessel networks can be stimulated in vitro
within 3D scaffolds through the coculture of endothelial
cells (ECs), vascular mural cells, and cells specific to the
tissue of interest. Vascular mural cells, which include
smooth muscle cells or pericytes, provide physical support
to ECs and generate extracellular proteins such as col-
lagen, laminin, and fibronectin. They also release proan-
giogenic growth factors (GFs), such as VEGF, FGF, TGF,
and angiopoietin, which induce vascularization. For fur-
ther discussion on the advantages of OOCs with no
membranes (e.g., the maximization of cellular interac-
tion), the reader may refer to the articles by Argentiere
et al.159 and Rahmani Dabbagh et al.160.
While coculture can increase the physiological rele-

vance of an OOC device, it can also pose challenges in
maintaining cell viability and desired cell type ratios.
Coculture with bacteria can be particularly challenging
due to bacterial colonization, which can impede cell
growth. Therefore, ultimately, the decision to include or
exclude synthetic membranes in an OOC design should
be based on a careful evaluation of the specific research
goals and requirements. If the functions of synthetic
membranes, such as mechanical stimulation or cell sup-
port/communication, can be achieved by other means
(such as using protein or ECM materials), then it may be
beneficial to exclude synthetic membranes.

Conclusions
Membranes in OOCs help provide environments that

closely mimic those experienced by cells in vivo. These
environments involve mechanical cues, especially shear
stress and mechanical stretching, or inherent material
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characteristics such as stiffness and topography. This
review focused on the key membrane characteristics,
roles, and materials for different OOCs. PDMS is a pre-
ferred material for stretching applications and gene
expression studies but often requires protein coatings,
whereas ECM membranes that contain proteins can
support cell growth for long periods of time and induce
more physiological responses but lack robustness and a
baseline for comparison. Optimum membranes should be
composed of native proteins that are thin enough to
enable cell communication and/or contact without trad-
ing off the flexibility necessary for mechanical stimulation.
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