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For successful material deployment in tissue engineering, the material itself,
its mechanical properties, and the microscopic geometry of the product are of
particular interest. While silk is a widely applied protein-based tissue
engineering material with strong mechanical properties, the size and shape of
artificially spun silk fibers are limited by existing processes. This study adjusts
a microfluidic spinneret to manufacture micron-sized wet-spun fibers with
three different materials enabling diverse geometries for tissue engineering
applications. The spinneret is direct laser written (DLW) inside a microfluidic
polydimethylsiloxane (PDMS) chip using two-photon lithography, applying a
novel surface treatment that enables a tight print-channel sealing. Alginate,
polyacrylonitrile, and silk fibers with diameters down to 1 μm are spun, while
the spinneret geometry controls the shape of the silk fiber, and the spinning
process tailors the mechanical property. Cell-cultivation experiments affirm
bio-compatibility and showcase an interplay between the cell-sized fibers and
cells. The presented spinning process pushes the boundaries of fiber
fabrication toward smaller diameters and more complex shapes with
increased surface-to-volume ratio and will substantially contribute to future
tailored tissue engineering materials for healthcare applications.
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1. Introduction

Fiber-based tissue engineering has great po-
tential in medical applications such as mus-
cle repair, tendon replacement, and even
nerve regeneration. In contrast to growing
tissues on flat surfaces, such as well-plates,
fibrous scaffolds support cells in a 3D envi-
ronment more similar to the natural extra-
cellular matrix, allowing them to migrate,
grow, and proliferate.[1–4] Anisotropic tis-
sue types, such as muscle or nerve tissue,
require cell orientation and organization.
In aligned fibrous scaffolds, the fiber’s in-
trinsic anisotropy guides and directs cell
growth toward alignment.[5–7] Here, the
fiber’s diameter and surface morphology
are crucial.[8,9]

Hwang et al.[3] show that a decrease in
fiber diameter from 150 to 12 μm signifi-
cantly improves the alignment of neuronal
cells along the fiber axis. Similarly, Kang
et al.[10] report that fibers with longitudi-
nal grooves with widths ranging from 2
to 10 μm improve alignment and directed

growth of cells, compared to unstructured fibers. For optimal cul-
tivation of cells, it is desirable to produce fibers with diameters
in the single-digit micrometer range. Not only the fiber’s diam-
eter but also its material is crucial for cell survival. Materials for
fibrous scaffolds need to be biocompatible and non-cytotoxic. A
tailored material environment can direct growth and guide stem-
cell differentiation.[11] Despite intense research, the production
of fibers with tailored diameters and mechanical and material
properties suitable for cell culture remains challenging.[1,4,12]

On an industrial scale, fibers are typically produced via a melt-
extrusion process (dry-spinning) or spinning into a precipitation
bath (wet-spinning). Both techniques are scalable and well suited
for producing fibers with diameters larger than 100 μm, too large
for tissue engineering scaffolds. Smaller fibers with single mi-
cron diameters are fabricated on a lab scale using electrospin-
ning and microfluidic spinning. In electrospinning, a polymer is
either molten or dissolved in a volatile solvent to create a homo-
geneous spinning dope. By applying a high voltage, the spinning
dope is stretched into thin jets. Due to freezing or solvent evap-
oration, the jets solidify, leaving fibers with diameters as low as
100 nm.[13–15] The fibers deposit as an unordered non-woven on a
collecting electrode, making it challenging to obtain oriented or
individual fibers. Thus, electrospinning is not easily applicable
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for the production of anisotropic tissue engineering scaffolds.
Additionally, the preparation of suitable spinning dopes restricts
the material selection. Delicate biological materials, such as pro-
teins, get damaged by the high voltages.

Microfluidic spinning utilizes flow-focusing geometries in the
jetting regime to produce stable, concentric co-flows of pre-
polymer and shear fluid. The pre-polymer solidifies to form a
fiber. s, solidifying to a fiber. The surrounding fluid prevents con-
tact of the solidified polymer to the channel walls, avoiding adhe-
sion, and thus reduces clogging.[12,16] Microfluidic spinning is,
for the most part, realized with two types of devices. One type
utilizes planar flow-focusing junctions produced from PDMS via
soft-lithography for hydrodynamic focusing; the other achieves
coaxial flow-focusing via devices assembled from glass micro-
capillaries. In microfluidic flow-focusing junctions, the spinning
dope is focused laterally by a shear fluid entering through two
side channels. Vertical focusing relies on wetting of the chan-
nel’s top and bottom surfaces with the shear fluid. Depending
on the specific material system of spinning dope and shear fluid,
the channel’s surfaces must be coated to realize preferential wet-
ting by the shear fluid. Implementation of new spinning material
systems often requires an adaptation of the coating protocol.[17–19]

On the other hand, Glass micro-capillaries facilitate centering of
the spinning dope jet without tailored surface properties, making
a surface coating redundant. However, the glass capillaries need
to be manually pulled, cut, and aligned into the shear channel, a
task that requires care and skill during assembly.[3,20–22]

Fabrication and assembly are significant limitations in the de-
sign of microfluidic spinning devices. Polymerization of the spin-
ning dope requires channel lengths of several millimeters, while
the spinneret to create the co-flow of spinning dope and shear
fluid has dimensions in the two-digit micrometer range. For per-
fect centering of the co-flow, placement of the spinneret in the
channel requires sub-micron precision. Generally, this challenge
is addressed by increasing the spinneret size or through careful
manual assembly. Previously, Loelsberg et al. developed a method
for precise, rapid prototyping of structures inside microfluidic
channels, termed “in-chip direct laser writing (DLW)”.[23] Loels-
berg et al. fabricated microfluidic molds by DLW, cast those using
the established soft-lithography process to produce microfluidic
channels, and finally used DLW to write microfluidic spinneret
structures “in-chip”; straightaway into the microfluidic channel.
They showed the device’s functionality by spinning randomly ori-
ented aligned polyacrylonitrile (PAN) fibers.[23] The in-chip DLW
fabrication method was applied for the production of microtubes,
microfluidic diodes, and microvessels.[24–26]

In microfluidic wet spinning, the concentrically focused pre-
polymer jet solidifies with various mechanisms. The most com-
mon mechanisms are photopolymerization, ionic or chemical
crosslinking, and non-solvent induced phase separation.[16] In
photopolymerization, solidification is initiated by irradiation of
a photoinitiator. The irradiation, usually with UV light, degrades
the photoinitiator into free radicals and initiates a chain reac-
tion with the monomers, leading to large polymer networks.
This mechanism is commonly used for hydrogels and artificial
polymers, such as polyethylene glycol diacrylate (PEG-DA) or
poly(N-isopropylacrylamide) (PNIPAm).[27,28] Ionic crosslinking
refers to the linking of monomers via multivalent ions. A typi-

cal example is the crosslinking of sodium alginate with calcium
ions.[19,20] Non-solvent-induced phase separation describes the
process of a dissolved monomer jetting into a shear fluid con-
taining a non-solvent. The diffusion-based exchange of solvent
and non-solvent leads to an increase of the monomer concentra-
tion in the pre-polymer until the critical concentration is reached
and the monomer precipitates into a solid polymer. This pro-
cess is widely applied in the macro-scale, then termed ”wet spin-
ning” for the fabrication of porous membranes[29] or fibers,[30,31]

and is also common in microfluidic spinning.[32–34] Compared to
macro-scale wet spinning, microfluidic spinning allows greater
control over the spinning process by applying shear forces during
solidification and diffusion-based concentration gradients. Addi-
tionally, applying hydrodynamic jetting, microfluidic spinning al-
lows for the production of much thinner fibers.

Fibers intended for cell culture need to be made from biocom-
patible, non-cytotoxic material to support cell growth. Moreover,
despite the small fiber diameter, the fabric needs to be strong
enough to allow handling. Inspiration for low-diameter, high-
strength fibers can be drawn from nature in the form of silks.
These protein fibers are spun on-demand by various insects, and
spiders.[35,36] They exhibit extraordinary mechanical strength as
well as good biocompatibility and biodegradability. By dissolv-
ing and subsequent recasting or spinning, silk can be fabricated
in specific shapes and morphologies, tailoring the material for
particular applications.[37] Silk can be dissolved by breaking the
bonds that, which link the protein chains into a crystal structure,
using chaotropic salts (e.g., LiBr, CaCl2) or organic solvents.[38]

The potential of both natural and regenerated silk for tissue engi-
neering, especially in the regeneration of muscles and nerves, has
been shown in several studies.[39–43] Most frequently, silk is dis-
solved in aqueous solvents using salts. This process, while avoid-
ing the use of organic solvents, yields structures and fibers with
relatively low strength. High-strength silk fibers were produced
from silkworm silk dissolved in hexafluoroisopropanol (HFIP)
by Ling et al.[44] The impressive mechanical properties of these
fibers were achieved through careful design of the material sys-
tem, based on a thorough understanding of silk chemistry. How-
ever, the dry spinning process developed to produced these fibers,
by Ling et al. does not allow the production of fibers with more
complex geometries. Furthermore, it is limited to spinning dopes
based on a volatile solvent. A single, versatile process for produc-
ing fibers from diverse material systems with various polymer-
ization mechanisms does still not exist.

In this work, we leverage in-chip DLW to produce microflu-
idic spinnerets, combining the scalability of conventional
microfluidic chips with the versatility of capillary devices. We
showcase the function of our spinnerets by producing fibers
from polyacrylonitrile and alginate via non-solvent-induced
phase separation and ionic crosslinking, respectively. Further-
more, we spun mechanically strong fibers from regenerated
silkworm silk with two different cross-section shapes, analyzed
their strength depending on their fiber diameter, and tested their
biocompatibility through a cell-culture test. By transferring the
versatility and adaptability of additive manufacture into the world
of microfluidic spinning, this method creates new opportunities
for the production of complex fibers tailored towards specific
applications in tissue engineering.
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Figure 1. The fabrication process of the microfluidic device consisting of the PDMS chip fabrication (a) and in-chip DLW (b). The PDMS chip fabrication
includes direct laser writing of the mold (a1), the PDMS molding (a2), and the plasma bonding of the PDMS chip to a glass slide (a3). The in-chip direct
laser writing process includes the sol–gel coating for increased adhesion (b1), the in-chip direct laser writing (b2), and the development of the device
(b3). The scanning electron microscopy (SEM) image of the imprinted three-fluid contactor nozzle has a custom 3D-geometry for versatile spinning
applications of one and two fluids (c). The photoreactive sol–gel coating (b1) was tested in a burst pressure experiment (d) by applying 0 bar (e) and
3 bar (f) trans-barrier pressure to an imprinted 10 μm thick barrier.

2. Results and Discussion

2.1. Design and Fabrication of Microfluidic Spinnerets

The microfluidic spinnerets are fabricated in a two-step process
as shown in Figure 1. First, the master mold is printed on a glass
slide using DLW in dip-in laser lithography (DILL) mode. The
master is molded using PDMS, and the mold is subsequently
bonded on a glass slide using oxygen plasma (Figure 1a). Sec-
ond, the inner surface of the PDMS chip is coated with a photo-
reactive sol–gel (see below) to improve the adhesion of the print
to the PDMS. Afterward, the channel is filled with the photore-
sist, and the micronozzle is 3D-printed inside the channel using
DLW in oil-immersion mode. Finally, the non-polymerized resin
is flushed out of the channel (Figure 1b), and the imprinted noz-
zle device is ready for the fiber spinning process (Figure 1c). All
steps of the production can be parallelized and scaled up without
significantly increasing the manual work required. Each of our
chips carries six parallel channels, all produced in one printing
and one flushing step (see experimental section and Figure S1,
Supporting Information).

2.2. Photo-Reactive Sol–Gel Coating for Increased Print Adhesion

The adhesion of the DLW prints inside the PDMS chips is lim-
ited by an oxygen inhibition layer on the PDMS surface. In litera-

ture, two different methods are suggested to overcome this limi-
tation. Loelsberg et al.[23] overcame the limited adhesion by post-
print flooding two sacrificial channels with silane-based epoxy
to enclose the in-chip DLW structure for sealing. This attempt
adds a laborious manual step to the fabrication process and in-
creases the master mold complexity. The second attempt by La-
mont et al.[25] reports an acid-catalyzed sol–gel reaction devel-
oped by Beal et al. to coat the PDMS surface with a siliceous
layer (APTES) that is not permeable for oxygen.[45] This surface
treatment enabled them to print structures with a structure-to-
channel sealing and tested the print for withstanding pressure
differences up to 0.75 bar. We found that this APTES-based sur-
face modification causes clogging of channels with diameters be-
low 100 μm.

In this study, we present a photo-reactive sol–gel coating,
adapted from other PDMS applications.[46] It reduces the oxygen
permeability of the PDMS surface and, upon light exposure, the
photo-reactive moiety bonds with the resin, resulting in a strong
adhesion between the print and the surface. The adhesion and
the sealing properties of the structure-to-channel contact were
quantified using a burst pressure experiment according to Lam-
ont et al.[25] A barrier with a thickness of 10 μm was printed into
a microfluidic channel after treatment with the photo-reactive
sol–gel (see Figure 1d). One side of the barrier was developed,
such that air is present; the other was pressurized with increas-
ing static pressure until the barrier bursts. The measurements
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Figure 2. Scheme (a) shows the microfluidic spinning process with digital pressure pumps for the core and shear fluid, the microfluidic PDMS chip
with the imprinted nozzle, and the harvesting device. The harvesting device captures the fibers continuously with several meters of length (b). During
the spinning process (c, d) the fiber diameter can be adjusted by regulating the shear pressure and flow rate. (c) shows spinning with a shear- and
silk-pressure of 160 mbar and 150 mbar, respectively, while (d) shows a flow-focused thinner diameter by applying shear- and silk-pressure of 225 mbar
and 150 mbar. The two parallel nozzle orifices enable spinning of single (c,d) or double (e) fibers by co-extrusion of spinning dope through both nozzle
orifices. FESEM images of the fibers with different material systems including alginate fibers (f), polyacrylonitrile fibers (g) and regenerated B. mori silk
fibers as a single fiber (h) and a co-extruded double-fiber (i)

(Figure 1e,f) reveal that a 10 μm thick barrier can withstand pres-
sures up to 3 bar without any noticeable burst or leakage. At this
pressure, the surrounding soft PDMS channel shows pressure-
induced swelling.

The photo-reactive sol–gel coating[46] applied in our work
combines the advantages of the two methods presented in
literature,[23,25] a strong and liquid-tight sealing of DLW-printed
structures with PDMS, as well as simple applicability in the
laboratory.

2.3. Production of Fibers with Different Materials and Precise
Diameter Control

The microfluidic setup for spinning microfibers consists of
fluid pumps, a microfluidic PDMS chip and a harvesting device

(Figure 2a). The spinning dope and shear fluid are each pumped
by a digital constant pressure pump and flushed into the mi-
crofluidic chip with the nozzle in the center part (see Figure 1c).
At the nozzle tip, the spinning dope is injected into the center of
the shear fluid without contacting the outlet channel wall. There-
fore, surface modifications in the outlet channel are not neces-
sary. The spinning dope solidifies in the outlet channel of the
device, and the fiber is harvested by spooling on a digitally con-
trolled harvesting coil (Figure 2b).

We chose three exemplary fiber materials to show the versatil-
ity of possible solidification mechanisms with the in-chip DLW
nozzle. We spun ionic crosslinked alginate fibers (Figure 2f),
polymeric precipitated PAN fibers (Figure 2g), and protein pre-
cipitated regenerated B. mori silk fibers (Figure 2h,i). To enable
a stable spinning process without nozzle blocking, we tuned the
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Figure 3. Diameter control of harvested silk fibers ranging from more than 10 μm (a) to approximately 1.5 μm (c). The fiber diameter is controlled by
varying the shear flow rate (b). The core flow rate was constant at 5 μL/min and the shear flow rate was adjusted from 5 μL/min to 400 μL/min. The
microfluidic device used had a channel width of 100 μm and a nozzle diameter of 25 μm. Each data point was averaged from 10 diameter measurements
at different fiber positions of two fibers from the same fiber spinning batch. Additional images of the fibers can be found in Figure S2, Supporting
Information.

solidification kinetics by changing the salt concentration and the
non-solvent concentration of the shear fluid for the alginate fibers
and PAN and silk fibers, respectively (see Section 4).

The alginate fibers and the PAN fibers with diameters smaller
than 10 μm show poor mechanical properties, such that the fibers
tend to break and to elongate during fiber harvesting and process-
ing. For the mechanically strong regenerated silk, fibers with di-
ameters down to 1.5 μm can be harvested continuously on the
spooling device and processed for stress–strain measurement.
Although smaller fibers down to 0.8 μm (see Figure 2h) can be
produced, single fiber harvesting and processing is challenging.
Accordingly, the alginate fiber (Figure 2f), the PAN fiber (Fig-
ure 2g) and the silk fiber with diameters smaller than 1.5 μm (Fig-
ure 2h) were only spun in solution and not harvested. The larger
morphology of different fibers including micrographs with 50 μm
scale bar can be found in Figure S2, Supporting Information.

For the silk fiber, we used PEG (300 Da) as inert shear fluid
to decelerate precipitation and to increase the shear fluid’s
viscosity and the spinning process’s stability. Using this viscosity
adaption, we were able to produce and harvest several meters
of silk fibers in a continuous process. By increasing the shear
flow rate, the silk solution is hydrodynamically accelerated in
the outlet channel (Figure 2c,d), controlling the fiber diameter
from 1.5 μm (Figure 3c) to 10 μm (Figure 3a). The final fiber
diameter depends on the applied flow rates and the geometric
parameters of the microfluidic device, that is, channel size and
nozzle diameter. Studying the influence of the shear flow rate at
constant core flow rate in a device with channel width of 100 μm
and nozzle diameter of 25 μm, we received a minimum fiber
diameter of approximately 1.5 μm for a core fluid of 5 μL/min
and a shear fluid of 125 μL/min. Higher shear fluid rates did
not decrease the fibers diameter further (Figure 3b). Applying
smaller shear flow rates than 5 μL/min results in larger fibers
(Figure 4), while shear flow rates smaller than the core flow rate
hold the risk of the fiber blocking the outlet channel. Decreasing
the core flow rate decreases the fiber size (Figure 2h), but hinders
single fiber harvesting.

Finally, we fabricated single fibers and co-extruded double
fibers by flushing the dope solution through one (Figure 2c,d)
or both (Figure 2e) nozzle orifices in the imprinted structure.

The co-extruded fibers show an 8-shaped cross-section (Fig-
ure 2i), similar to the natural B. mori silk.[47] Though, the ar-
tificial fibers with diameters down to 1 μm are significantly
smaller than the natural silk fibers, which have diameters of
10–30 μm.[48]

To our knowledge, there are no microfluidic wet-spun fibers
with diameters as small as 1.5 μm reported yet. Other microflu-
idic nozzle-less wet spinning approaches need a phase bound-
ary to center the core fluid in the channel. This phase boundary
destabilizes the jet at high shear velocities and small diameters,
promoting droplet formation instead of jetting.[49] Other micro-
capillary devices are challenging to assemble and center inside
microfluidic channels with channel sizes as small as 50–100 μm,
limiting the diameter of the fiber. The in-chip direct laser writ-
ten nozzle combines the microfluidic preciseness with the cen-
tered nozzle, such that this technology enables the fabrication of
smaller fibers with different geometries.

2.4. Tensile Strength of Silk Fibers

For tissue engineering, protein-based silk is advantageous due to
its biocompatibility and its tensile strength. We analyzed the ten-
sile strength of the microfluidic spun silk fibers by measuring the
tensile force and strain using a self-built tensile test setup. By an-
alyzing the diameter of the fibers using field emission scanning
electron microscopy (FESEM) images, we were able to estimate
the stress–strain diagram (Figure 4a), the tensile strength at the
breaking point (Figure 4b), and the Young’s modulus (Table 1).
The measurement accuracy and the size of the error bars con-
firms other literature data using microfluidically spun regener-
ated silk fibers.[44,50]

Comparing these stress–strain measurements with literature
data, we find two conspicuous phenomena. First, the average
breaking stress and Young’s modulus of our fibers seems to
be significantly smaller than reported fibers.[44,51,52] Most spin-
ning processes include an additional post-spin stretching process
step to support the formation of beta-sheets and significantly in-
crease strength and extensibility.[52,53] Comparing our data with
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Figure 4. a) Exemplary stress–strain diagram of the 1.9 μm regenerated silk fiber measurements with labeled breaking points. b) Breaking points for
regenerated silk fibers at different diameters. The silk was dissolved in HFIP and precipitated in 68 vol% EtOH in PEG (300 Da). 2 × 2.0 μm fiber is a
co-extruded fiber, using both nozzles as shown in Figure 2e. Fiber diameters were measured by FESEM images. The sample size of the 7.8 μm, 5.4 μm,
1.9 μm, and 2 × 2.0 μm samples are 4, 2, 4, and 10, respectively. Comparing the breaking stress of the 7.8 μm and 5.4 μm fiber gives a significant p value
of 0.003. The breaking stress comparison of the 1.9 μm or 2 × 2.0 μm with the 5.4 μm fiber results in a significant p value of 0.007 or 0.0001, respectively.

Table 1. Mechanical properties including the Young’s modulus and the
breaking point stress and strain of HFIP dissolved silk fibers.

Diameter Nr. of samples Young’s modulus Breaking strain Breaking stress

[μm] (−) [MPa] (−) [MPa]

7.8 4 28.3 ± 24.8 0.10 ± 0.03 3.5 ± 3.4

5.4 2 244.0 ± 55.7 0.27 ± 0.08 16.5 ± 1.2

1.9 4 222.4 ± 66.5 0.43 ± 0.13 46.5 ± 9.3

2 × 2.0 10 1052.5 ± 419.8 0.23 ± 0.12 57.1 ± 19.9

They were spun with a shear fluid consisting of 68 vol% ethanol in PEG (300 Da) as
plotted in Figure 4b. The 2 × 2.0 is a co-extruded fiber with two cores as shown in
Figure 2e,i.

the as-spun mechanical properties, we result in similar breaking
ranges.[32,44,52]

Second, our data reveal significantly higher strength, the
smaller the diameter. Based on Griffith’s criterion on fracture
mechanics, it is known that smaller fiber diameters increase
toughness.[54] This effect was studied for other silk fibers by
Porter et al.[55] They state, that decreasing diameters promote
the high toughness of spider drag-line silk (d = 5 μm) com-
pared to silkworm silk (d = 25 μm).[55] Additionally to Griffith’s
criterion, for silk fibers, the nano-scale composition of the ma-
terial, which is adjusted in the elsewhere established post-spin
stretching process,[52,53] has a significant influence on the me-
chanical properties.[32,56] In our wet-spinning process, we con-
trol the diameter of the fiber by adjusting the shear flow rate and
stretching the dope solution during the precipitation process by
hydrodynamic shear forces. This hydrodynamic stretching dur-
ing polymerization is similar to the post-spin stretching process,
which modifies the nano-structure. Stretching increases beta-
sheet formation during fiber solidification and would explain the
increased breaking energies, the smaller the diameter. Accord-

ingly, the microfluidic wet spinning process combines precipita-
tion and post-spin stretching in a one-step process.

The co-extruded double fiber (2× 2.0 μm) with a 8-shaped cross
section (see Figure 2i) shows a similar breaking stress, but an in-
creased Young’s modulus (see Table 1) compared to the 1.9 μm
fiber. Even though the shear stress and the consequent internal
morphology of both fibers are similar, the raising Young’s modu-
lus might result from the increased surface to cross-section ratio.
Additionally, the increased cross-section size lowers the proba-
bility of failure and increases the average stability. Accordingly,
the spinning velocities and the fiber shape tailor the mechanical
properties, including breaking stress and the Young’s modulus.

2.5. Cell Culture

The mechanical properties are of major importance considering
the tissue engineering applications of the fibers. Cell adhesion
and stem cell differentiation depend on mechanical properties,
such as the Young’s modulus. As cells adhere to the fiber’s sur-
face, the surface-to-volume ratio, which increases as the the fiber
diameter decreases, is a critical parameter to enhance cell density
in a fiber bundle. That way, smaller fiber diameters reduce the
amount of implanted foreign material. As a first step toward
using the silk-fibers as tissue material, we cultivated human ep-
ithelial colorectal adenocarcinoma (CaCo2) cells on regenerated
silk fibers. Before cultivation, the fibers were washed to remove
any residual solvent.the fibers. We visualized cell morphology
after three days of cultivation using fluorescent microscopy.
Figure 5 shows cells enclosing the fibers, where cells form
clusters in distinct areas (Figure 5b), which are interconnected
by actin filaments. This study is a first step to show that silk
fibers fabricated by our process are suitable for tissue engineer-
ing applications.This study confirms the bio-compatibility of
the silk fibers fabricated by our process. This promising result
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Figure 5. Fluorescent micrograph (a) and confocal images (b,c) of CaCo2 cells cultured on regenerated silk fibers with actin filament stained by phalloidin
(green) and nuclei by DAPI (blue). The regenerated silk fibers occurs in blue in the center of the cells.

encourages to evaluate further the influence of the material
properties, shape, and size on its performance as a tissue
engineering material.

3. Conclusion

This paper presents an in-chip DLW fabrication of a versatile
microfluidic fiber spinning system capable of synthesizing
micron-scale fibers of various materials with different cross-
section geometries. For protein-based silk fibers, we control the
Young’s modulus and the breaking stress by process parameters
and show suitability for cell culture, indicating biocompatibility
of the fibers for different tissue engineering applications. The
integration of nano-scale DLW into microfluidic applications
replaces manual lab methods using micro-capillaries by au-
tomated 3D-printing and enables improved accuracy, better
resolution, and complex nozzle and fiber geometries. Future
studies will be dedicated to transferring the methodological
potential of the process, such as composite multi-material fibers
and complex fiber geometries, toward sophisticated applications
in tissue engineering.

4. Experimental Section
Production of Microfluidic Chips: Production of the spinnerets with in-

chip DLW is a two-step process. First is the production of microfluidic
chips, followed by the in-chip lithography of the spinneret.

The microfluidic chips are produced from polydimethylsiloxane via
replica molding. The master mold with the negative of the channel layout
was produced using a two-photon lithography printer (Photonic GT, Nano-
scribe GmbH, Karlsruhe, Germany). Standard microscopy slides (76 ×
26 mm) were used as DILL substrates for the microfluidic masters, ensur-
ing standardization and compatibility with existing equipment, such as,
for example, microscopes. Liquid PDMS-elastomer (ratio 10:1) is poured
on the master, degassed in a vacuum to remove trapped air for 2 h, and
crosslinked in an oven at 60 °C for 3 h. After crosslinking, the cured PDMS
is peeled off the master and plasma bonded to a microscopy coverslip
(150 μm thickness) to seal off the channels.

Sol–Gel Activation: The protocol for treating the channel surfaces is
adopted from Abate et al.[46] The solution was prepared as described. A
drop of the solution is placed on the outlet of the channel network and
capillary forces pull the liquid inside the channels, such that it wets all sur-

faces of the channel network. The solution is left in the channel for 1 min
before displacing it by flushing air through the shear inlet via a syringe.

In-Chip Fabrication: After sol–gel activation of the PDMS surfaces,
a liquid negative-tone photoresist (IP-S, Nanoscribe GmbH, Karlsruhe,
Germany) is flushed into the channel using a syringe. The chip is placed
in the two-photon lithography printer (Photonic GT, Nanoscribe GmbH,
Germany). The printer is set up for printing in oil immersion mode with
the 25× objective. Marker structures on the microfluidic chip are manu-
ally located to determine the printing coordinates of the spinnerets. Print-
ing parameters and trajectories are supplied in a .gwl file, Nanoscribe’s
proprietary programming language. Printing time per nozzle was about
30 min. Multiple prints can be done inline, limited only by the available
space in the Nanoscribe printer. After the print, the chip is developed by
removing uncured resist from the channel by connecting the outlet to
a vacuum source, while all inlets are connected to reservoirs containing
1 mL acetonitrile solvent. As soon as all acetonitrile containers are emp-
tied, the chips are ready for use. Multiple channels can be developed in
parallel.

Evaluation of the Reactive Seal: The reactive seal using the sol–gel acti-
vation was evaluated using a burst pressure test adapted from.[25] A chan-
nel was closed off with an in-chip printed 10 μm thick barrier. One side of
the barrier was developed, so that the barrier was covered on one side with
photoresist and air on the other side. The side with photoresist was con-
nected to a pressure reservoir using PE tubes (VWR - ID 0.38mm) glued
into the punched inlet holes. The reservoir connected to the resist filled
chamber was pressurized using a piezo controlled constant pressure sys-
tem (OB1 MK3+, Elveflow, France). The pressure was increased in steps
of 10 mbar/min. The barrier was visually observed through an inverse light
microscope (Leica, Germany). Upon reach of a critical pressure, collapse
of the barrier and liquid flow were clearly visible. This critical pressure was
recorded as the burst pressure.

Spinning Dope Preparation: The alginate solution was prepared ac-
cording to Shin et al.[20] Sodium alginate powder (Sigma-Aldrich Chemie
GmbH, Munich, Germany) was dissolved in deionized water to a concen-
tration of 4 wt% under stirring for 2 h at room temperature. The PAN solu-
tion was produced as described by Loelsberg et al.[23] PAN (Sigma-Aldrich
Chemie GmbH, Munich, Germany) was dissolved in dimethylsulfoxide
(Sigma-Aldrich Chemie GmbH, Munich, Germany) to a concentration of
2 wt%. The silk spinning dope was prepared following a procedure devel-
oped by Ling et al.[44] B. mori silk cocoons (Amazon) were degummed by
boiling twice in an aqueous solution of 0.5 wt% Na2CO3 for 30 min. In
between, the silk was rinsed extensively with distilled water. The silk was
dried at room temperature, cut into small pieces and immersed in pure
hexafluoroisopropanol (HFIP, Sigma Aldrich GmbH, Munich, Germany)
at a weight ratio of 1:50. The solution was incubated in airtight containers
at 60 °C for 15 days in a fume hood.
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Microfluidic Spinning: The fibers were spun using the microfluidic de-
vice with the in-chip DLW printed nozzle. The shear solutions of the algi-
nate, PAN and silk solution were aqueous 784 mM CaCl2 solution, 35 wt%
deionized water in DMSO, and 68 vol% ethanol in polyethylene glycol
(300 Da) (PEG), respectively. Spinning dope and shear fluid were filled
into microfluidic reservoirs and connected to the microfluidic chip via
polyethylene tubing. Pressure-driven flow control was realized with a dig-
ital constant pressure system (OB1 MK3+, Elveflow, France). The spin-
ning process was initiated by increasing the shear fluid pressure until the
channel was filled. The dope channel pressure was increased in parallel to
avoid flooding the dope channel with shear fluid. The shear fluid pressure
is incrementally increased to 150 mbar. When the operating shear flow
pressure is reached, the dope pressure is slowly increased until the air
trapped inside the channel and tubing starts flowing through the nozzle
into the shear flow. After removal of the residual air, the spinning dope
flows through the nozzle to form a co-flow. The spinning process and
fiber formation was observed with an inverse microscope. Manipulation
of shear and dope pressures allows adjustment of the fiber diameter. The
experiments on the relationship between the fiber diameter and the shear
flow rate (Figure 3) were performed using syringe pumps (Harvard PHD
Ultra) instead of the pressure driven pumps. The experimental procedure
was adapted from the pressure-driven set up. The fiber was picked up with
tweezers and placed on a custom build rotating spindle for collection. The
rotational speed of the spindle can be controlled to adjust the fiber’s col-
lection rate.

Tensile Testing: Tensile tests were done on a custom-built setup
adapted from the setup used in Joel et al.[57] It consists of a precision
scale (JB1603/C-FACT, Mettler Toledo, Columbus, Ohio, USA) and a lin-
ear micromanipulator arm (MM 33; Märzhauser Wetzlar GmbH & Co.
KG, Wetzlar, Germany) that is automatically moving upwards using a con-
nected stepper motor (17HS13-0404S1; Stepperonline, Greater London,
UK). Fibers for tensile tests were directly collected onto c-shaped card-
board holders to avoid stretching during transfer. The legs of the cardboard
holder had a distance of 10 mm to set the initial length of the fibers. The
cardboard holder was fixed with clamps to the linear arm and the scale.
The cardboard was cut, leaving only the fiber as a connection between the
scale and the linear arm. The fiber was stretched to failure by moving the
linear arm upwards at a speed of 0.2 mm s−1. A self-written python script
recorded extension and scale readings.

Cell Culture: Human epithelial colorectal adenocarcinoma (CaCo2)
cells were seeded on the artificial spun silk fibers and cultivated for 3 days
at 37 °C and 5% CO2 (Heraeus, Hanau, Germany). Prior, the fibers were
incubated at 37 °C for 24 h with 50 μg mL−1 collagen I and washed with
phosphate-buffered saline (PBS, Lonza Group AG, Basel, Switzerland) af-
terward. Therefore, the artificial fibers were stretched over a cover glass
slide (18 × 18 mm, Carl Roth GmbH + Co. KG, Karlsruhe, Germany)
and glued (UHU Holding GmbH, B ühl, Germany) at the edges to fix
them on the glass. The culture medium used for CaCo2 cells consisted
of a minimum essential medium eagle (EMEM, Sigma-Aldrich, St. Louis,
Missouri, USA) as a basis and 10 vol% fetal bovine serum (FBS, biowest,
Nuaillé, France), 2 mm l-glutamin (Sigma-Aldrich, St. Louis, Missouri,
USA), 1 vol% of a hundredfold non-essential amino acids solution
(NEAA, Sigma-Aldrich, St. Louis, Missouri, USA) and 50 U/mL pen-
strep (Thermo Fisher Scientific Inc., Waltham, MA, USA) as supplements.
The actin filament and the nuclei were stained with phalloidin (abcam,
Cambridge, UK) and 4′,6′-diamidino-2-phenylindole (DAPI, AppliChem
GmbH, Darmstadt, Germany), respectively. Fluorescent microtome
(ApoTome, Carl Zeiss AG, Oberkochen, Germany) and confocal (SP8
Lightning, Leica Microsystems, Wetzlar, Germany) images show the flu-
orescently stained cells.

Statistical Analysis: The tensile strength of silk fiber data was statisti-
cally analyzed using the following processing steps. As pre-processing, the
breaking points were selected manually from the measured data as exem-
plary shown in Figure 4a. The Young’s modulus was determined by fitting
a linear function to the elastic region of the measured data. The data pre-
sented in Table 1 shows no. of samples, the mean value, and the standard
deviation of the sample. The p values were calculated by two-sided testing
using a t-test. The data was processed using Microsoft Excel 2016.
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