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Abstract

The global demand for in vitro respiratory airway models has surged due to the coronavirus disease 2019 (COVID-19) pan-
demic. Current state-of-the-art models use polymer membranes to separate epithelial cells from other cell types, creating a
nonphysiological barrier. In this study, we applied three-dimensional (3D) printing and bioprinting to develop an in vitro
model where endothelial and epithelial cells were in direct contact, mimicking their natural arrangement. This proof-of-
concept model includes a culture chamber, with an endothelial bioink printed and perfused through an epithelial channel.
In silico simulations of the air velocity within the channel revealed shear stress values ranging from 0.13 to 0.39 Pa, aligning
with the desired in vivo shear stress observed in the bronchi regions (0.1-0.4 Pa). Biomechanical movements during resting
breathing were mimicked by incorporating a textile mesh positioned away from the cell—cell interface. The epithelial channel
demonstrated a capacity for compression and expansion of up to —14.7% and +6.4%, respectively. Microscopic images
showed that the epithelial cells formed a uniform monolayer within the lumen of the channel close to the bioprinted endothe-
lial cells. Our novel model offers a valuable tool for future research into respiratory diseases and potential treatments under
conditions closely mimicking those in the lung.
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1 Introduction

Respiratory diseases continue to pose a significant public
health challenge, with the advent of severe acute respiratory
syndrome coronavirus 2 (SARS-CoV-2), highlighting the
need for innovative technologies and effective therapies.
Traditional approaches for studying diseases, such as two-
dimensional (2D) cell cultures and animal models, have sig-
nificant limitations in mimicking complex cellular microen-
vironments or accurately mimicking the properties of hu-
man tissues and organs. Moreover, animal models often yield
misleading results due to species-specific differences in
physiological structures and tissue and organ functions [1, 2].
In addition to ethical and legal concerns, animal models are
time-consuming and costly [3]. Consequently, their use is
increasingly unsuitable for meeting the growing demands of
drug testing. A novel approach using tissue-on-chips has
emerged.

Tissue-on-chips integrate the advantages of microfluidic
technologies and three-dimensional (3D) cell culturing.
These biomimetic experimental platforms are designed to
mimic the physiology and functions of human organs and
tissues in a reductionist manner. A distinguishing feature is
the precise control of fluids and particles, typically within
channels and chambers at the microliter scale [4—6]. This
attribute facilitates the control of biomolecule concentra-
tions and fluid flow rates, offering enhanced replication
of the physiological conditions present within complex
tissues [7, 8]. On-chip devices are predominantly fabricated
using lithography techniques with polydimethylsiloxane
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(PDMS) [5, 9], an optically transparent, highly biocompat-
ible silicon-based elastomer [9]. The chambers cast inside the
chip enable cells to grow and expand in all dimensions, mim-
icking their natural biological behavior and environment.

Most state-of-the-art airway-on-a-chip (AoC) devices are
designed to mimic an air-liquid interface (ALI) to mimic
the morphology and functionality of airways [10]. Such in-
terfaces are commonly created using a cell-seeded PDMS
membrane separating two chambers, with the basal side ex-
posed to a recreated internal microenvironment and the api-
cal side in contact with air [11]. In addition to cellular com-
position and physiological interfaces, it is essential to incor-
porate physiologically relevant biomechanical stimuli into
in vitro testing platforms. Conducting in vitro assays using
only static models, such as 2D cell cultures, may yield mis-
leading results if mechanical forces and fluid flow rates
are not adequately considered [3, 12]. An active dynamic
interface is essential for mimicking living organs and
tissues [12, 13]. Stimuli, such as wall shear stress, are often
introduced through the perfusion of fluids within the chip [14].
Furthermore, dynamic stimuli similar to those found in na-
tive airway tissue can be mimicked by applying physical
forces to the flexible polymer membrane in the ALI, as de-
scribed in the chip design by Huh et al. In this device, a
stretch motion is initiated by applying a vacuum to the side
chambers of the chip, which are connected to the ends of
the membranes [12].

Compared to traditional models, on-chip technology of-
fers superior cost-effectiveness, efficiency, and accuracy in
mimicking tissue physiology. Despite these advantages,
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challenges remain in state-of-the-art chips, such as produc-
tion time, complexity, and reproducibility [15]. Another
concern is the widespread use of relatively rigid polymeric
surfaces, such as PDMS or polyethylene terephthalate
(PET), respectively, in fluidic devices and airway model
membranes. A major disadvantage of using commercially
available PET membranes is their lack of flexibility [16], a
crucial characteristic for developing a dynamic AoC. Con-
versely, PDMS offers high elasticity and optical transpar-
ency; however, it requires a prolonged curing time and ex-
tensive manual handling, limiting automation and reducing
manufacturing throughput efficiency [16, 17]. This hinders
the industrial applicability of the process and material. An-
other significant issue is the sensitivity of certain materials
to hydrophobic molecules present in fluorescent dyes,
chemical compounds, and drugs, which may confound drug
assays [9, 18, 19]. Furthermore, incomplete polymerization
of these materials can contaminate culture media with pre-
polymer, potentially affecting cell behavior [20]. Although
PDMS-based fluidic devices are ideal for prototyping, their

Table 1 Requirements for fabricating an AoC

application in drug-testing assays is limited. Most fluidic
chips are built on a micron scale, which restricts the volume
of the tested model and consequently limits the density of
seeded cells. Hence, conventional biochemical assays often
fail to produce statistically significant data [21]. Overall,
these limitations must be considered when selecting materi-
als and designing robust fluidic systems with broad indus-
trial applicability.

The criteria for fabricating a new engineered AoC, in-
cluding fabrication methods, material, design, and device
specifications, have been compiled and listed (Table 1).

Before designing a newly engineered AoC, a comprehen-
sive comparison of features, strengths, and limitations was
conducted, evaluating state-of-the-art models alongside the
proposed design (Table 2).

This study presents the development of a novel 3D-
printed, stretchable AoC device designed to mimic the me-
chanical stimulation and dynamic fluid flow of native air-
ways (Fig. 1). By adopting alternative manufacturing tech-
niques and materials, the challenges associated with

Requirements for fabrication methods  Description

Rapid prototyping and fabrication

Reproducibility

Ease of scaling for mass production

Cost-effective fabrication

The fabrication process must minimize the design-to-product cycle and eliminate complex material
handling. It must support the production of complex geometries with minimal steps, ideally enabling
one-step device fabrication.

The device must be reproducible for consistent manufacturing.
The chosen fabrication method should easily transition from prototype development to mass production.

The fabrication strategy must be economical for both small-scale research batches and large-scale com-
mercial production.

Requirements for material

Description

Biocompatibility and nontoxicity
Availability and affordability
Alternative to PDMS

Ease of sterilization

Optical transparency

The device must be fabricated from biocompatible and nontoxic materials.
Materials utilized should be accessible and inexpensive.

A PDMS-free design reduces the risk of interference in drug assays and provides better scalability for
industrial applications.

Materials should be easy to clean and sterilize to prevent contamination during operation or reuse.

Materials should maintain optical clarity, ensuring minimal obstruction for analysis resulting from opacity.

Requirements for design

Description

Interface establishment
Functionality channels
Functionality chambers

Compression element integration

Real-time monitoring
Connectivity

Bioprinting compatibility

The design must enable forming a functional cell interface and an ALI.
The design should integrate channels for efficient fluid supply and removal.
The design must include functional chambers for cell culture and extracellular matrix (ECM) stabilization.

The design must include features for integrating functional elements to apply compression at the cell
interface.

The design must support real-time analysis of the cell interface and culture.
The device must include components for seamless integration with external systems, such as pumps.

The design should be compatible with bioprinting technologies.

Requirements for device

Description

Compression capability

Ease of handling

The device must support ALI compression without compromising structural integrity.

The device should be ergonomically designed for user-friendly operation.
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Table 2 Comparison of key features, strengths, and limitations of state-of-the-art in vitro airway models and the proposed engineered AoC

Model

Features

Strengths

Limitations

Nawroth et al.’s [22]

Huhetal.’s [12]

Sakolish et al.’s [23]

Zhu et al.’s [24]

Park et al.’s [25]

Our approach

Mimicking breathing me-
chanics through combined
mechanical stretching and
directional flow

Recreating the alveolar—
capillary interface with in-
tegrated cyclic mechanical
strain and ALI

Long-term coculture system
for small-airway epithelial
and endothelial cells under
ALI, exposed to toxic
environments

Mimicking alveolar expan-
sion and contraction using
regular airflow to induce
deformation

Airway chip with bidirec-
tional airflow, enabling
glycocalyx formation

Mimicking airway function-
ality with mechanical stim-
ulation and dynamic fluid
flow and incorporating bio-
printing and 3D polymer
printing

- Integrating dynamic flow and me-
chanical stretch
- Improved cellular function

- Integrating dynamic flow and me-
chanical stretch
- Improved cellular function

- Mimicking ALI

- Supporting long-term physiological
maintenance of airway epithelium

- Cost-effective

- Integrating cyclic stretching
- Enabling innovative real-time
monitoring

- Integrating bidirectional airflow to
simulate breathing and mucociliary
clearance

- PDMS-free design

- Integrating mechanical stretching at
a distance from the cell interface

- Integrating membrane-free design,
allowing direct cell—cell interactions

- Enhanced optical accessibility re-
gardless of chip material

- Supporting real-time analysis of the
cell interface

- Customizable and scalable through

- Using PDMS as a fabrication material
- Reduced cell-ECM interactions due to cells

grown on an ECM-coated membrane

- Complex implementation

- Using PDMS as a fabrication material
- Reduced cell-ECM interactions due to cells

grown on an ECM-coated membrane

- Using PDMS as a fabrication material
- Lacking mechanical stimulation

- Lacking multicellular tissue architecture
- Low throughput

- Open inlet design

- Complex design

- Using PDMS as a fabrication material
- Lacking multi-tissue architecture

- Scalability restriction

- Lacking mechanical stimulation
- Simplified design with limited ECM com-

plexity, as cells are cultured on a matrix-
derived membrane

- Requiring manual strain induction
- Early development stage

- Limited cellular complexity

- Short observation periods

additive manufacturing technologies

Medium

In vivo

Respiratory

Epithelialized epithelium

channel
Bioprint

Fig. 1 Conceptualization of the engineered AoC device, featuring a
channel lined with epithelial cells and stretching properties to mimic
the native physiology and biomechanics of human airways. This
model comprises a main culture chamber where an endothelial bio-
ink is 3D-printed (depicted in light red, containing endothelial cells)
and a perfused epithelial channel (depicted in dark red, containing re-
spiratory epithelial cells). Both cell types are in direct contact with-
out a physical separation such as a membrane

PDMS and other rigid polymer-based fluidic chips and
membranes—Ilimited automation, suboptimal material prop-
erties, and complex handling—were effectively addressed.

@ Springer

2 Methods

2.1 Chip design and fabrication

The AoC device was designed using CAD software (Au-
todesk Inventor Professional 2021). Figure Sla (supplemen-
tary information) illustrates the design from the top, side,
and three-quarter cut views. The design was developed at a
millimeter scale to maximize cultivation and analysis space
while ensuring optimal accessibility for the bioprinter. The
central feature of the design is the culture chamber, defined
by a cubic cut-out measuring 10 mm per side and 14 mm in
height, providing the primary analysis space of the chip. All
inlets and outlets were formed with extruded female LUER
locks to enable seamless integration with external air and
media perfusion systems. Additionally, chambers with inter-
stice tapered cubic cut-outs were subtracted from the main
body of the chip to facilitate the mounting and transmission
of externally applied forces onto the textile. Further mount-
ing of the warp-knitted textile (WKT) mesh was achieved
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by extruding three conical shapes at the bottom of each
compression chamber to pierce the ends of the textile. The
ends of the WKT were also embedded in a 1% agarose hy-
drogel. As shown in Fig. S1b (supplementary information),
custom insertions were designed for the casting process un-
til the embedding hydrogels were fully polymerized. To en-
sure a sealed flow circle, the access void was filled and
sealed. A cover was designed with tapered contours match-
ing the chambers and a slot for integrating an O-ring. All
parts of the chip were 3D printed using a Stratasys Object
350 Connex3™ in poly(methyl methacrylate) (PMMA;
VeroClear, Stratasys, USA). After the printing process, the
components underwent post-processing. All parts were
manually separated from the support material (SUP705,
Stratasys) and immersed in a 0.5 mol/L sodium hydroxide
solution stirred at 200 r/min for 2 h. After soaking, the
chambers, ports, and crevices were meticulously cleaned us-
ing forceps and needles to ensure the complete removal of
the residual support material. The chip parts were then thor-
oughly rinsed with distilled water, dried with compressed
air, and sterilized at 121 °C for 20 min.

All manufacturing experiments were conducted multiple
times under the same conditions. Furthermore, the device
was fabricated using a polypropylene-like material (Rigur,
Stratasys), which offers durability and precision similar to
PMMA. However, due to the requirement for optical trans-
parency, this material was not considered for future studies.

2.2 Flow simulation

All simulations were conducted using COMSOL Multiphys-
ics 6.2. Initially, a simplified 2D model was used for an ex-
ploratory study (Figs. S2—S7 in the supplementary informa-
tion), followed by 3D evaluations of the selected condi-
tions. The air and water material properties were sourced
from the built-in library. Two components of the AoC—the
air channel and the media chamber—were evaluated sepa-
rately, focusing on shear and diffusion, respectively. Since
experimental values for the gel properties were unavailable,
a 2D sweep of conditions was used to examine the effects
of varying gel properties and input parameters on shear and
diffusion. Additional details on the 2D and 3D evaluations
are provided in Figs. S2-S7 (supplementary information).
The simulation aimed to determine the optimal velocities
for achieving the approximate desired shear at the boundary
between the air and the gel and the approximate time for the
media to diffuse through the gel.

In the 3D shear evaluation, the air model was set to lami-
nar, incompressible flow. The gel was modeled as a porous
material using Darcian flow and porous slip conditions,
with all other walls set to no slip. No initial values were pro-
vided, and backflow was suppressed. A 1-mm thick hydro-
gel was placed above the air channel. Half of the channel

was evaluated with the midregion set as symmetrical, result-
ing in 799 487 mesh elements, ensuring a good minimum el-
ement quality of 0.1. The tested parameters included a po-
rosity of 0.3 and permeability of 1x107'2 m? across three
different velocities of 0.5, 1.5, and 2.5 m/s. Shear values
were measured in the central region of the channel. Limita-
tions in estimating shear may arise from variations in the
channel geometry, such as height variations from the printed
model or gel or channel width variations due to compression.
Diffusion was conducted using a laminar incompressible
flow model, coupled with the transport of diluted species
and mass transfer in porous media. The gel was modeled as
a porous material using Darcian flow and porous slip condi-
tions, while all other walls were set to no slip and no flux,
except for inflow and outflow. Backflow was suppressed,
and a stationary model was initially conducted, followed by
a time-dependent model. There were no initial flow values.
The inflow was set to 1 mol/m3, which matched the initial
concentration in the media chamber. The porous component
started with an initial value of 0 mol/m®. The Millington
and Quirk diffusivity model was employed. A 4.3-mm thick
gel was used in all evaluations. Inlet pressure was set at
2 Pa, with a porosity of 0.3, permeability of 1x1072 m?,
and diffusion of 1x10™° m%s. For the 2D model, a cross-
section with 24 164 elements was used, maintaining a mini-
mum element quality greater than 0.1. A stationary study
was first conducted, followed by a time-dependent study
spanning 0-24 h in 2-h intervals. The concentration at the
midpoint of the chamber was analyzed. For the 3D model,
half of the chamber and channels were simulated with the
midregion set as symmetrical. This resulted in 2542229 ele-
ments, with a minimum element quality of 0.01. A stationary
study was conducted first, followed by a time-dependent
study (up to 2 h). Limitations in estimating media diffusion
in the gel may arise from using water instead of media,
which may not accurately mimic physiological processes,
along with variations in gel dimensions and characteristics.

2.3 Cellisolation and culture

The L1929 cell line was purchased from Sigma-Aldrich
(USA), and the A549 cells were generously provided by the
University Hospital RWTH Aachen. Both cell lines were
expanded using standard cell culture media, comprising
Dulbecco’s modified Eagle medium (DMEM; Gibco,
Thermo Fisher Scientific, USA) supplemented with 10%
(volume fraction) fetal bovine serum (FBS; Gibco) and 1%
(volume fraction) antibiotic/antimycotic solution (ABM,;
Gibco). For long-term storage, the cells were cryopreserved
in liquid nitrogen using a freezing mixture containing 90%
(volume fraction) FBS and 10% (volume fraction) dimethyl
sulfoxide (DMSO; Sigma-Aldrich), which were thawed be-
fore experimental use.
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Endothelial cells were isolated from the veins of fresh
umbilical cords, generously provided by the Clinic for Gy-
necology and Obstetrics of the University Hospital RWTH
Aachen. The umbilical cords were washed with phosphate-
buffered saline (PBS) to remove coagulated blood, and
blunt cannulas were inserted into the veins. The vein lumen
was then injected with a 400 U/mL collagenase Type 1
(Sigma-Aldrich) for 30 min at 37 °C to digest the endothe-
lium surface. The dissociated cells were then flushed away
and cultured in endothelial cell growth medium-2 (EGM2;
PromoCell, Germany) supplemented with 1% (volume frac-
tion) ABM solution in flasks previously coated with a 2%
gelatin solution for 30 min. The cells were frozen in liquid
nitrogen using a freezing solution composed of 80% (vol-
ume fraction) DMEM, 10% (volume fraction) FBS, and
10% (volume fraction) DMSO until further use. Before bio-
printing, the cells were thawed and expanded in EGM?2
supplemented with 1% (volume fraction) ABM solution
until Passage 5 in gelatin-coated flasks.

2.4 Preparation of embedding hydrogel and
cell-laden inks

Agarose hydrogels of 1% were prepared as embedding gels
by dissolving 1 g of low-gelling temperature agarose pow-
der (Sigma-Aldrich) in 100 mL of filtered and distilled wa-
ter. The gels were sterilized at 120 °C for 2 h and then
cooled in an incubator at 37 °C until utilization.

To prepare the bioink, L929 or endothelial cells were
washed with PBS and dissociated using a 0.05% trypsin/
0.1% ethylenediaminetetraacetic acid (EDTA) solution (PAN
Biotech, Germany) for 5 min at 37 °C. The dissociated cells
were then counted and centrifuged. The resulting pellet was
resuspended in a 10 mg/mL fibrinogen solution (Sigma-
Aldrich) in tris-buffered saline (TBS; pH 7.4) to a concen-
tration of 6x10° cells/mL, which will be reduced by half in
the final hydrogel. The crosslinking solution was prepared
with 6 U/mL thrombin (Sigma-Aldrich) and 7.5 mmol/L
calcium chloride in TBS.

2.5 Assembly of the chip and bioprinting
setup

A square-profiled polyamide line with a side length of
1.6 mm was cut to 80 mm and inserted through the lowest
port opening, traversing the main culture chamber. A layer
of light-cure adhesive (LOCTITE AA 33525, Henkel Adhe-
sive Technologies, Germany) was applied to the underside
of the base, and a polymer coverslip (ibidi, Germany) was
affixed. The base was then cured under direct ultraviolet
(UV) light for 5 min. A warp-knitted PET sleeve featuring a
linear density of 74 dtex and a 2x1 lapping knitting struc-
ture was generously provided by the ITA Institute for
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Textile Technology, RWTH Aachen University. The sleeve
was cut to dimensions of 10 mmXx25 mm and thoroughly
washed thrice using 70% ethanol and sterile PBS. Drop-on-
demand (DoD) bioprinting was conducted using a bio-
printer (Black Drop Biodrucker GmbH, Germany), which
was used to dispense the hydrogel into the culture chamber.

Additive manufacturing technologies were also utilized
to fabricate the hydrogel through bioprinting. Bioprinting is
a key manufacturing technology for creating complex and
heterogenic 3D cell culture systems, tissues, and organs
using a layer-by-layer approach. In this study, a DoD print-
ing strategy was selected because it provides high spatial ac-
curacy and control during the automated dispensing of the
calculated bioink, resulting in the formation of tissue struc-
tures and reproduction. The printer head was equipped with
a 300-pm nozzle diameter electromagnetic microvalve
(Fritz Gyger AG, Switzerland) and loaded with a 1.5-mL
solution of cell-laden fibrinogen. Mounted on a three-axis
robotic platform (Isel Germany AG, Germany), an air com-
pressor (Aeolian Pixie compressor 1/6 HP max AS176;
WilTec, Germany) was connected and set to 1.2 bar (1 bar=
100 kPa). The printer head was heated to 37 °C using Pel-
tier elements. Figure S8a (supplementary information) illus-
trates the custom-designed CAD model of the hydrogel.
The 3D model was sliced with a 0.5-mm height (Fig. S8b
in the supplementary information), and drop positions
(Fig. S8c in the supplementary information) were calcu-
lated using custom-built slicing software (SuperFill Soft-
ware Suite 1.7, Black Drop Biodrucker GmbH). The open-
ing time was set to 800 ps. Before the actual printing pro-
cess, the coordinate origin of the printer head was refer-
enced and later calibrated by the system and then set to its
working position. A sterile PBS test print was conducted
on a Petri dish to assess nozzle clogging and drop forma-
tion. The printer head was then filled with a bioink for
printing.

The chip was placed in the working area of the printer
head, and the sliced CAD model was printed into the pri-
mary culture chamber (Fig. S8d in the supplementary infor-
mation). After each bioink printing cycle, 150 pL of the po-
lymerizing solution was pipetted over the bioprint. After
each layer, a needle was carefully inserted into the surface
of the bioprint to assess layer crosslinking. After three print-
ing cycles, the WKT was integrated. The mesh ends were
inserted through the designated cut-outs using a pair of
sharp forceps. Once the WKT was correctly positioned,
another printing cycle was performed, followed by the
application of the polymerizing solution. Each mesh end
was then embedded in 250 pL of agarose hydrogel. To pre-
vent leakage of the embedding hydrogels, custom-designed
insertions were prewrapped in Teflon tape and integrated
into their corresponding chambers. These insertions were re-
moved once the agarose gel had polymerized. While the
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agarose gel was semi-polymerized, three additional cycles
of printing and polymerizing solution application were per-
formed on top of the WKT. The base was left at room tem-
perature for 5 min to allow complete gel polymerization.
The chip assembly process, including printing and curing,
required approximately 30-35 min. After full polymeriza-
tion, the molding line was carefully extracted through one
of the external ports, leaving a hollow channel within the
bioprinted hydrogel.

2.6 Postprinting live/dead assay

Cell viability after printing was assessed by staining the re-
sulting fibrin hydrogels with a 2-pmol/L calcein acetoxy-
methyl ester (AM) solution (Invitrogen, USA) for 20 min at
37 °C. This was followed by the addition of 2 pg/mL prop-
idium iodide. The gel was then imaged using a two-photon
laser scanning microscopy (TPLSM) Olympus FluoView
1000 MPE with a 25x water-objective NA 1.05 (Olympus
Optical, Japan) and a MaiTai Deep-See Titan-Sapphire-
laser (MKS Instruments, USA). Three-dimensional models
with a thickness of 100 pm were generated from the result-
ing images and analyzed using IMARIS 9 software (Oxford
Instruments, UK).

2.7 Epithelialization of the hydrogel

Endothelial cells loaded in the fibrinogen bioink were
stained for 20 min at 37 °C with a 0.5% (volume fraction)
dilution of the lipophilic fluorescent dye Vybrant DiO
(green fluorescence, Invitrogen) in serum-free DMEM
media. This was followed by three washing steps in
DMEM, during which the pellet was resuspended and cen-
trifuged consecutively. After bioprinting, the hydrogel
and A549 cells were dissociated with trypsin and stained
with Vybrant Dil dye (red fluorescence, Invitrogen). The
stretching chip was then placed upside down, and a solu-
tion of 1x10% A549 cells/mL in DMEM was injected into
the hollow channel of the hydrogel. The cells were left to
attach to the fibrin surface for 4 h, after which the unat-
tached cells were washed away with fresh cell culture me-
dia. The epithelialized model was incubated for an addi-
tional 24 h at 37 °C and 5% COs. Finally, the hydrogel
was fixed with ice-cold methanol for 1 h, washed three
times with PBS, and imaged using a Zeiss LSM 710
confocal laser scanning microscope. The resulting 3D
stacks were processed with IMARIS 9 software (Oxford
Instruments).

2.8 Stretching experiment setup

The gels were fabricated without incorporating any cells for
this experiment. All samples (n=6) were analyzed as

follows: an O-ring with an inner diameter of 40 mm and a
thickness of 1 mm was integrated into the chip. The cover
was carefully positioned to seal all remaining cavities. The
inlets of the compression chambers were connected to a
manual perfusion system (ibidi) with 5 mL syringes on each
side. Compression and expansion of the lumen were
achieved by manually injecting and withdrawing air using
syringes. The perfusion system and chip were secured with
tape. Images of the channel width were captured under un-
loaded, compressed, and expanded conditions. The channel
width was then measured at equidistant positions (P=10) us-
ing image processing software (ImagelJ, National Institutes
of Health, USA) [26]. The compressive strain (&¢) and ten-
sile strain (&) of the channel were calculated based on the
fractional change in channel width under different stress
conditions, as defined by Eq. (1):
Wi

WiZ W0 o 100%. (1)
wo

€ =

Here, wo represents the unloaded channel width while w¢
denotes the width after positive pressure and wy the width
after negative pressure which was applied through manual
perfusion (w;=w¢ or wy).

2.9 Statistical analysis

All statistical analyses were conducted using GraphPad
Prism 9.3.1. To compare compression and tensile strains in
the stretching assays, normality was assessed using the
Shapiro—Wilk test, followed by a one-way analysis of vari-
ance with Tukey’s post-hoc test. For the analysis of the
post-bioprinting and control survival rates, the assumption
of normality was also tested using the Shapiro—Wilk test,
while the homogeneity of variances was confirmed with
Levene’s test. Both groups were then compared using an in-
dependent #-test.

3 Results and discussion

3.1 Composition and functions in the AoC
design

For the design of this novel stretchable AoC, three distinct
planes within the height dimensions of the base defined the
functionality of the device, as demonstrated in Fig. 2.
Figure 2a illustrates the media perfusion circuit and its
flow concept. The media perfusion circuit was positioned
at the highest level of the primary culture chamber. Fresh
media were inserted through a vertical connection port and
distributed over the bioprinted construct, gradually replac-
ing the old media continuously expelled through the oppo-
site port. The bioprint contains endothelial cells capable of
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(a)  Media flow (b)
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Fig. 2 Schematic representation of the AoC functions and composi-
tion, including the media perfusion circuit (a), compression circuit
(b), and air perfusion circuit (c)

initiating angiogenesis during in vitro maturation cultures.
Biomechanical stimuli that mimic movements during rest-
ing breathing, such as compression, expansion, and liquid-
shear stress, are critical factors considered in this applica-
tion. In this novel design, the compression plane was en-
closed by air and cell-media perfusion circuits (Fig. 2b).
Compression and expansion stimuli were applied perpen-
dicular to and at a distance from the airway channel by
stretching a WKT mesh positioned away from the cell-cell
interface (depicted as a dark gray layer above the bioprint in
Fig. 2b). The WKT was fixed sideways with sterile agarose
hydrogel. The agarose hydrogel was selected because it can
be deformed (compressed and expanded) when air pressure
is applied through an external air pump. The lower section
of the device was dedicated to air perfusion, mimicking the
apical side of the ALI in the main chamber. Figure 2¢ out-
lines the concept, where a squared profiled lumen is formed
within the cell-containing hydrogel by inserting a polyam-
ide molding line before bioprinting, which was later re-
moved after polymerization. This resulting lumen facilitates
epithelialization as an object-free cell interface.

All three components of the AoC were fabricated using
3D printing. A significant advantage of this approach is its
ability to seamlessly integrate complex functional structures
into the base design across multiple working planes in a
single manufacturing step. Moreover, this manufacturing
method enables the use of PMMA, which is inherently im-
permeable to small molecules, making it more suitable for
molecular and drug assays than standard PDMS [27].
PMMA, particularly the VeroClear variant, offers excellent
strength and stiffness, making it ideal for translating com-
pression movements without compromising structural
integrity. Additionally, clear acrylic is an alternative to glass,
enabling the visualization of internal components and fea-
tures. The transparency properties of PMMA also facilitate
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real-time monitoring during the bioprinting process. By sim-
plifying production and reducing costs, 3D printing en-
hances manufacturing efficiency. Overall, the AoC design
effectively incorporates all the essential characteristics of a
dynamic fluidic chip, including the ability to mimic biome-
chanical stimuli in the airway and support the perfusion of
air and media.

3.2 Analysis of AoC fabrication quality and
design features

Figure 3a illustrates the AoC in its pre-processed, post-
processed, and final states. During 3D printing, supporting
material was incorporated to reinforce overhanging, bridg-
ing, and complex, fragile structures. This approach allows
all conceptualized functions to be fabricated in a single pro-
cess while ensuring structural stability. In the design phase,
all components were designed on a millimeter scale, with
joint tolerance set at 0.5 mm to account for potential devia-
tions during fabrication. While the fabricated chip closely
aligned with its original design, minor discrepancies were
observed due to printing inaccuracies. Figure 3b highlights
the major fabrication defects, particularly in the compres-
sion chambers and airway channel, compared to the original
designs. These defects were addressed during device assem-
bly by strategically placing supporting gels in the respective
chambers and securing the cover slide at the base of the
chip without compromising functionality. Although the
cones within the compression chambers exhibited a slight
reduction in sharpness, the WKT was successfully mounted
and fixed using agarose hydrogel. The design of the airway
channel adhered to a specific approach, ensuring that the

Pre-processed Post-processed

(a) Final design

Fig. 3 Illustrations of the AoC fabrication: (a) fabrication process;
(b) major fabrication defects; (c) images showing the lumen casting
process after the full assembly of the AoC
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molding object maintained continuous contact with the cov-
erslip. To achieve this, a squared profile along a spline with
six symmetrical, equidistant control vertices was subtracted
from the body of the chip during the design phase. How-
ever, the wall thickness linearly decreased toward the main
chamber, making precise printing of this structure challeng-
ing. This limitation was addressed by utilizing a light-
hardened adhesive to attach a polymer slide to the bottom
of the chip. Consequently, the slide offered segments with a
thinner wall thickness for airway channel support, effec-
tively sealing the boundary points between the channel and
the main chamber. As previously conceptualized and illus-
trated in Fig. 3c, the molding object runs through the bio-
print in the primary chamber, maintaining constant contact
with the upper side of the polymer slide. Figure 3¢ shows a
successfully cast lumen at the bottom of the primary cham-
ber after removing the molding object following bioprint
polymerization. Additionally, the squared profile of the lu-
men allows for real-time visual analyses (e.g., through vari-
ous types of microscopy) of the epithelial layer at the ALI
from below.

A minimalistic design approach was adopted to reduce
complexity and enhance control during subsequent handling
and operation [4]. All design decisions were guided by the
fundamental principles of sound engineering and insights
gained from previous in vitro setups [28]. The system is de-
signed to be easily operated by users familiar with standard
cell culture practices, requiring minimal training, making it
suitable for both academic and commercial use. While
some of our team members with limited cell culture experi-
ence have successfully used the system, further refine-
ments could enhance the user experience in future studies.
The design was developed on a millimeter scale, ensuring
compatibility with the bioprinter and enabling a stable 3D
printing process. The initially conceived complex design
features and functions were successfully translated into a
manufactured final product. Throughout this process, mi-
nor fabrication differences were addressed and adjusted
accordingly.

Compared to traditional testing methods, fluidic chips of-
fer the advantage of allowing optical real-time analyses.
However, the limited optical transparency of certain 3D-
printing polymers restricts the widespread application of
3D-printed chips in imaging-based in vitro testing [4]. Addi-
tionally, the transparency of the hydrogel may affect the vis-
ibility of the ALI. The AoC described here enables optical
real-time monitoring of the ALI in both the chip and hydro-
gel components. This special feature was achieved through
meticulous material placement, lumen design within the
chip and bioprint, and a cell-coating process applied to the
lumen. This novel chip design introduces new possibilities
for utilizing various materials in fabricating 3D-printed
chips. Consequently, this concept simplifies fabrication

processes, increases the accessibility of AoCs, and ulti-
mately improves the efficiency of drug assays while reduc-
ing associated costs. Unlike other currently available AoCs
that often rely on a PDMS membrane at the cell interface,
this novel concept employs PDMS-free fabrication through-
out the entire chip. The absence of barriers and PDMS at
the cell interface improves cell—cell interactions and more
accurately mimics native tissue characteristics with greater
authenticity.

3.3 Simulation of airflow and medium in the
AoC

An in silico simulation study was conducted to determine
the velocities required to achieve the approximate desired
shear at the boundary between air and gel (Fig. 4a) and to
estimate the time needed for media diffusion through the
AoC gel. Shear stress caused by airflow at the boundary of
the gel within the air channel was assessed (Fig. 4b). Vari-
ous parameters (Figs. S2—S5 in the supplementary informa-
tion) were considered to approximate a bronchi shear stress
range of 0.1-0.4 Pa [29]. For the proposed model, a veloc-
ity of 1.5 m/s at the inlet point achieves the desired shear
stress (Figs. 4c and 4d). To ensure uniform shear stress
across the entire surface, a velocity of 1.2 m/s produces
shear stress ranging from 0.13 to 0.39 Pa along the width
and length of the channel.

An in silico diffusion analysis was conducted to estimate
the minimum time required for the media in the chamber to
reach the cells within the gel (Fig. 5). Various parameters
(Figs. S6 and S7 in the supplementary information) were
considered to model media diffusion (Figs. 5a—5c¢). For sim-
plification, water was simulated instead of media. In the
proposed model, with an inlet pressure of 2 Pa, the media
are expected to reach the bottom of the gel within 2 h, with
likely complete diffusion by 6 h (Fig. 5¢).

3.4 Cellviability postprinting and channel
epithelialization

A fibrinogen-based bioink containing 1.929 fibroblasts was
deposited within the main chamber of the chip using a DoD
bioprinter (Fig. 6a), followed by the addition of a thrombin
crosslinking solution. 1929 fibroblasts were selected for vi-
ability assays based on ISO 10993 guidelines for the bio-
logical evaluation of medical devices. The printing proce-
dure subjects cells to significant shear stress, necessitating a
postprinting analysis of cell survival rates. For this purpose,
the cells embedded in the bioink were stained with calcein
AM to label living cells in green and propidium iodide to
label dead cells in red (Fig. 6b). TPLSM was used to visual-
ize the staining, resulting in a post-bioprinting survival rate
of (86+4.1)% compared to (93+0.9)% in the control
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Fig.4 Simulation of shear stress in the air channel of the AoC. (a) Cross-section highlighting the air channel and region of interest. (b, ¢) Three-
dimensional heat map showing shear stress along the air channel and at the region of interest at a velocity of 1.5 m/s. The heat map was capped
at a maximum of 0.6 Pa for better visualization of the shear stress at the top surface of the air channel. (d) Shear stress evaluation for different
velocities (0.5, 1.5, and 2.5 m/s) at the midregion of the channel plotted against the height of the channel. The inlet flow is from right to left. All
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Fig. 5 Simulation of the media channel in the AoC. (a) Cross-section highlighting the media channel. (b) Two-dimensional cross-section model
showing water diffusion at 2 h. (¢) The concentration of water diffusing through a 2D hydrogel model at the central region of the chamber over
time. (d) Three-dimensional heat map illustrating diffusion streamlines and surface flux at 2 h. The input conditions include pressure=2 Pa,

porosity=0.3, permeability=1x10"'? m?, and diffusion=1x10""
samples (Fig. 6c). Therefore, the effect of bioprinting on
cell survival is minimal, as it was not statistically signifi-
cantly lower than the nonprinted samples.

Removing the molding line created an internal channel
within the bioprinted fibrin hydrogel (Fig. 3c). To assess the
capacity to convert this channel into a respiratory passage
model, A549 lung epithelial cells were injected into the
channel and allowed to adhere. In this experiment, the fibrin
bioink was loaded with endothelial cells to mimic the
highly vascularized lung mucosa. The visualization of the
model demonstrates the ability of epithelial cells to attach to
the channel (Figs. 6d and 6e).

These results highlight the capacity of the chip to sup-
port a bioprinted respiratory model. Unlike most current
stretchable AoC models, which consist of dual 2D cell
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m?/s. The inlet flow is from left to right

layers mimicking the epithelial-endothelial interface on
both sides of a synthetic membrane [30, 31], our chip facili-
tates combining different cell types with mechanical stimu-
lation. It allows for direct cell—cell interactions and free mi-
gration within a 3D matrix. Future studies may build upon
this proof-of-concept chip design, for example, to conduct
long-term experiments for tissue maturation with a fully dif-
ferentiated epithelium that more closely mimics native tis-
sue function. Varying stretching rates and speeds would
allow for an in-depth study of airway biomechanics in
health and disease. Additionally, other cell types, such as
perivascular cells, could be incorporated to promote the de-
velopment of an interconnected network of vessels, thus en-
abling perfusion with bioactive agents or drugs [25].
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Fig. 6 Cell viability postprinting and channel epithelialization. (a) DoD bioprinting within the main stretching chip chamber. (b) Representative
images from two-photon laser scanning microscopy Z-stacks of bioprinted and control samples after calcein AM and propidium iodide staining
(green: living cell; red: dead cell). (c) Statistical analysis of the live/dead assay after printing did not show significant differences (data are
expressed as meanzstandard deviation; n=3, using Student’s #-test). (d) Top view and cross-sections of the endothelial cells embedded in the
fibrin hydrogel (yellow) surrounding the internal channel coated with epithelial cells (blue). Both cell types were stained with lipophilic, nontoxic
dyes for confocal microscopy imaging. (e) Three-dimensional projection of the model with a thickness of 200 pm

3.5 Evaluation of the stretching capacity of
the AoC device

Compression and tension strains in the airway lumen were
assessed by imaging the response of the lumen under three
distinct conditions—unloaded, compressed, and expanded.
These conditions within the lumen were achieved by at-
taching the AoC to a perfusion system with 5 mL syringes,
as shown in Fig. 7a. Compression and tensile strains in the
lumen were induced through manual injection and evacua-
tion of air. In image processing, as shown in Fig. 7b, 10
equidistant positions (P=10) along the axis of the lumen
were defined. At each position (n=6) of the specimen, the
channel width was measured under varying stress levels.
Compression and tensile strains were calculated based on
the fractional change in width. Figure 7c illustrates the av-
erage compression and tensile rates at each position.
Therefore, compression rates varied from -14.7% to

-5.2%, while tensile rates ranged from 2.0% to 6.4%.
When averaged across all defined positions in the lumen,
the compression rate was —10.0% and the tensile rate was
4.5%.

Biomechanical stimuli are a critical aspect of any on-chip
application and are essential for mimicking the behavior of
native tissue. Mechanical stimuli not only influence cell be-
havior and tissue development but also impact disease sta-
tus and drug responsiveness [14]. Standard fluidic devices
lack the capacity for realistic stretching motions to mimic
an airway profile. Conventional AoCs utilize an unfavor-
able PDMS membrane in the cell interface to achieve
stretch. In this study, the interface movements were
achieved by applying pneumatic stress to an embedded
WKT positioned distant from the cell—cell interface. The
strain experiments yielded comparable compression and ten-
sile strain rates across positions 3—9 and 5-8, respectively.
Despite implementing measures during the design to diffuse
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the compression air inflow and create a homogenous flow
field, preferential flow directed toward positions 5 and 6
was detected. This phenomenon is illustrated in Fig. 7c,
where stable performance in both compression and tensile
strains was observed across all specimens. Further compari-
sons and analyses were conducted based on these optimal
positions. In vivo, the mechanical strain experienced in the
airway ranges from 5% to 15% in linear dimensions [32, 33].
Interestingly, these rates align with the results obtained for
the developed device at its optimal positions (5 and 6). Spe-
cifically, an average compression strain of —13.1% was
achieved, along with a corresponding tensile strain of 5.1%
at these positions. This validates that the developed AoC
can effectively mimic the physiological strain within the de-
sired range in its optimal positions. Notably, existing
PDMS membrane AoCs achieve a minimum strain rate of
5% [11, 12], which can be achieved in the presented AoC at
Positions 2, 5, 6, 8, and 10.

Although the stretching capacity was tested using manual
injection, this proof-of-concept chip can be easily integrated
with an automated perfusion system or pump. Future stud-
ies will focus on enhancing the complexity of this model
both biologically and mechanically, as well as automating

=m Compression at P (&)

o Tensile strain at P (&r)

1 2 3 4 5 6 7 8 9 10
Point in samples

Fig. 7 Stretching capacity of the AoC device. (a) Illustration of the
strain experiment setup. (b) Division of the cast lumen into equidis-
tant positions with channel width measurements in unloaded, com-
pressed, and expanded conditions. (c) Illustration of the average com-
pression and tensile strains across Positions 1-10 (data are expressed
as meanz+standard deviation; n=6)
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the pre- and postprinting processes as extensively as
possible.

4 Conclusions

The 3D printing of thermoplastics was utilized to biofabri-
cate an AoC model. This approach offers an alternative to
traditional manufacturing methods, such as lithography
and PDMS molding. Due to their biocompatibility, afford-
ability, widespread availability, and ease of fabrication,
thermoplastics are an attractive material choice for fabri-
cating fluidic devices. To enhance automation and replica-
tion rates in the on-chip system and accurately mimic tis-
sue structures, a DoD bioprinting strategy was employed
to fabricate the in vitro airway model. In this study, we in-
troduced a novel approach for emulating tissue composi-
tion accuracy by creating a membrane-free contracting cell
interface. Unlike the traditional AoC models, where a
polymer membrane dominates the ALI, this design re-
places the membrane with a WKT, integrated distant from
the cell—cell interface. The newly designed model pre-
sented in this study has shown mechanical stimulation and
dynamic fluid flow that mimics native airways—an
achievement not seen in state-of-the-art models. The se-
lected design enhanced optical accessibility, allowing real-
time monitoring of both bioprinting and cell—cell interface
postprinting. Nonetheless, this AoC model is still in the
early stage of development and could benefit from long-
term follow-up studies with greater biological complexity.
In summary, we have shown that an engineered stretch-
able AoC could be fabricated, potentially serving as a suit-
able alternative to the state-of-the-art in vivo and in vitro
models for the future testing of therapies, such as those for
airborne diseases.

Supplementary Information The online version contains supplemen-
tary material available at https://doi.org/10.1631/bdm.2400351.
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