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medium—the bioink.[5] The former
This study introduces a thermogelling bioink based on carboxylated agarose
approach offers the advantage that the
3D scaffold does not have to be fabricated
(CA) for bioprinting of mechanically defined microenvironments mimicking
under cytocompatible conditions. Therenatural tissues. In CA system, by adjusting the degree of carboxylation, the
fore, a broader range of materials can be
elastic modulus of printed gels can be tuned over several orders of magniemployed, for example, thermoplasts, such
tudes (5–230 Pa) while ensuring almost no change to the shear viscosity
as poly(caprolactone),[6] and additionally,
(10–17 mPa) of the bioink solution; thus enabling the fabrication of 3D strucother alternative scaffold fabrication techniques, such as electrospinning, or prestures made of different mechanical domains under identical printing paramsurized gyration can be combined with
eters and low nozzle shear stress. Human mesenchymal stem cells printed
subsequent functionalization of the scafusing CA as a bioink show significantly higher survival (95%) in comparison
fold with proteins.[7] In contrast, the latter
to when printed using native agarose (62%), a commonly used thermogelling
approach, that is, direct fabrication of cellhydrogel for 3D-bioprinting applications. This work paves the way toward the
loaded constructs by hydrogel molding or
printing of complex tissue-like structures composed of a range of mechani3D printing, places high demands on the
cytocompatibility of the material and the
cally discrete microdomains that could potentially reproduce natural mechanfabrication process and the resolution is
ical aspects of functional tissues.
limited by the size of the extrusion nozzle
utilized in the fabrication process.[8] However, the advantage of direct fabrication
techniques, especially of 3D bioprinting, is its ability to genIn recent years, it has become evident that the biophysical
erate constructs with spatially defined cell and material compoaspects (mechanics, topography) of the extracellular matrix
sition. Moreover, biomaterials that are conventionally used in
(ECM) can impact cell phenotype and function.[1–3] Since
cell culture such as alginate,[9] Pluronic,[10] gelatin,[11] nanocelorgans are composed of different cell types their mechanical
properties show spatial variations as each cell type evolves in
lulose,[12] self-assembling peptides,[13] and agarose[14] are highly
its own specialized ECM. The elastic modulus of biological
advantageous for direct cell printing as they are soluble in water
tissue therefore exhibits huge diversity and ranges from 100
and hence can be formulated as a cell carrier. There has been
to 100 000 Pa.[4] Materials with mechanical properties that can
extensive effort to build on and improve the properties of watersoluble polymers as bioinks.[15,16] For example, to overcome
be adjusted to reproduce the natural ECM are therefore highly
[4]
valuable. In order to generate 3D organized, cell-laden ECM
the limitation of the solubilization of Pluronic and its limited
diversity of mechanical properties, blending of Pluronic with
scaffolds, different biofabrication techniques have evolved in
alginate[17] and crosslinking using acrylate-modified Pluronic
the past decade. Broadly, these can be categorized into two
approaches: (1) Generation of a 3D scaffold followed by associahave been explored.[10] Notwithstanding these advances that utition with cell population (i.e., cell seeding) and (2) direct fabrilize chemical crosslinking to control the mechanical properties
cation of 3D constructs comprising cells dispersed in a gelable
of the bioinks, controlling the shear behavior and mechanical
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properties of cell-laden physically crosslinked bioinks remains
a challenge.
In 3D bioprinting, the bioink is dispensed through a printer
head mounted on a three-axis arm that precisely deposits the
material layer-by-layer. As the bioink is dispensed, it is exposed
to shear forces and the ensuing fluid-induced shear stress can
be detrimental to the cells.[18] The printing process requires
optimization of dispensing parameters such as printing pressure, and nozzle diameter as well as the viscosity of the bioink
in order to find the proper balance between cell survival,
printing precision, and speed of deposition.[18]
Currently, several natural polymers have been explored for
3D bioprinting including alginate, methacrylated gelatin, and
nanocellulose.[5] However, formulating these materials with specific mechanical properties for 3D printing requires both optimization of the formulation and the 3D printing parameters.
Agarose, a polysaccharide that undergoes thermally reversible
gelation and is stable under physiological conditions, has been
explored in cartilage repair,[19] as an injectable tissue filler,[20]
and synthetic 3D cell matrix.[21] More recently, agarose has been
explored as a bioink for the 3D printing of umbilical artery
endothelial cells;[22] however, tailoring mechanical properties of
agarose gels requires changing the concentration of agarose and
this profoundly impacts its rheological behavior, thus limiting its
utilization as a mechanically tunable bioink.[23] Variations in the
rheological properties imply two problems: First, the printing
parameters have to be adjusted to the fluid’s viscosity in order to
yield droplets of consistent size, and second, changes in the viscosity and the printing parameters alter the fluid-induced shear
stress experienced by cells.[24] In order to simplify the printing
process and enhance cell viability, a thermogelling biomaterial
with customizable mechanical properties in the gel state but
constant viscosity in the solution state would be valuable.
We have recently shown that switching the secondary structure of native agarose (NA) (Figure 1A) from an α-helical to a
β-sheet through carboxylation of the C-6 d-galactose repeat
(Figure 2A, carboxylated agarose (CA)) can yield hydrogels with
tailored shear modulus.[2,25] Since gelation in NA and CA occurs
through physical association of helices, we hypothesized that this
would allow for decoupling the viscosity of the bioink solution
from its mechanical properties in the gel state. Herein, through
a comprehensive rheological and mechanical characterization of
the CA, we reveal that compressive strength of CA gels can be
tailored to span the range of natural tissues while exhibiting the
same viscosity under printing conditions by varying the degree
of carboxylation (28% (CA28), 60% (CA60), and 93% (CA93)).
As a result, 3D structures comprised of defined domains of stiff
and soft hydrogels can be produced under identical printing
conditions with a microvalve 3D printer. This unique property
of the CA ensures significantly reduced shear stress induced cell
death compared to the printing of equally concentrated NA.
The gelling behavior of agarose is characterized by a hysteresis, that is, the transition from solution-to-gel occurs at
lower temperature (Tsol-gel) than the gel-to-solution transition
(Tgel-sol).[26] Upon cooling below Tsol-gel the gelation process is triggered as double-stranded helices aggregate through hydrogen
bonding (H-bonding).[26,27] Agarose gels of different compressive
strength can be realized by controlling the density of helices by
varying the polymer concentration as shown by the strain–stress
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Figure 1. A) Chemical structure of NA. B) Elastic modulus in compression (E, Young’s modulus) for NA hydrogels plugs of varying concentration. C) Tsol-gel and Tgel-sol for NA of varying concentration. D) Viscosity at
1000 rad s−1 as a function of the temperature for NA of varying concentration, vertical line shows temperature in the printing head. Error bars
represent the standard deviation of n = 3.
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Figure 2. A) Chemical structure of CA. B) Elastic modulus in compression (E, Young’s modulus) for CA hydrogels plugs for varying percentage
of carboxylation. C) Tsol-gel and Tgel-sol for CA for varying percentage of carboxylation. D) Viscosity at 1000 rad s−1 as a function of the temperature
for CA, vertical line shows temperature in the printing head. Error bars
represent the standard deviation of n = 3.
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curve under unconfined compression of a 2, 1, and 0.5% w/v
hydrogel (Figure 1B, and Figure S1A, Supporting Information).
In contrast, the hysteresis and thermal transitions in NA hydrogels show no dependence on concentration (Figure 1C).
However, in order to print the bioink has to be a liquid and
in the solution state (>35 °C) the viscosity of NA shows strong
dependence on concentration (Figure 1D). This is expected
as with increasing concentration the molecular interactions
between polymer chains would increase and thus, the viscosity
rises from ≈5.5 to ≈65.9 mPa s. Since the helical content is the
only parameter responsible for the crosslinking, and NA has
only a helical secondary structure, the viscosity of NA solutions
(above Tsol-gel) cannot be decoupled from its mechanical properties in the gel state.
However, in CA, the polymer chains are heterogeneous in that
they possess two secondary structures (α-helices and β-sheets)
and as a consequence, a decoupling of gelation and solution
behavior may be expected. In CA while the gelation is dictated
only by the helical content, the interaction between polysaccharide chains is additionally impacted by the electrostatic repulsion between the charged CA chains. Since the introduction of
carboxylation reduces the number of helices that can participate
in crosslinking points, a noticeable decrease in the mechanical
properties is observed with increasing carboxylation (Figure 2B,
and Figure S1B, Supporting Information). Furthermore,
increasing carboxylation also decreases the Tgel-sol and Tsol-gel
(Figure 2C), as both transitions are a function of H-bonding.[2]
Interestingly, the viscosity of the different CA compositions above
the Tgel-sol and particularly between 35 and 40 °C, the temperature of the print head relevant for cell printing, is only modestly
influenced and ranged between 9.6 and 16.7 mPa s (Figure 2D).
These results confirmed our premise that the presence of a
β-sheet that does not participate in gelation affords CA-based
bioinks with different mechanical properties in gel phase but
similar solution viscosities and even more importantly independent of the polysaccharide concentration.
For the bioprinting experiments, NA and CA bioinks were
loaded into a heated container that maintained the hydrogel
above Tsol-gel. A computer-controlled microvalve (300 µm nozzle
diameter) at a pressure of 50 kPa was used for droplet generation. Opening the microvalve for different gating times allowed
expulsion of drops of different sizes. Following expulsion, the
droplet rapidly cools below the Tsol-gel and forms a hydrogel. By
successive addition of droplet layers, complex 3D structures
were assembled. In order to assess the quality and precision of
the droplet the average droplet volume of NA and CA formulations for different gating times (450, 600, and 900 ms) were compared (Figure 3A). As expected, the droplet volume increased
with increasing gating time. However, the biggest difference was
observed for NA, where the droplet volume increased from 150
to 400 nL with increase of gating time. Interestingly, the droplet
volume for the CA formulations was independent of the degree
of carboxylation affording volumes of 132.8 ± 23.4 (450 ms),
192.0 ± 26.6 (600 ms), and 249.8 ± 11.4 nL (900 ms). This is
an important attribute, as consistent droplet volumes across
the different CA formulations will facilitate the printing of 3D
matrices comprising of the multiple formulations.
As the next step, CA hydrogels were printed, and their Young’s
modulus (E) under unconfined compression was measured and
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Figure 3. A) Droplet volume of NA and CA formulations dispensed out
of a 300 µm valve at different gating times. B) Comparison of mechanical
properties of printed material to bulk materials for NA and CA. C,D) 3D
rendering of spiral computer-aided design (CAD), and pictures of the
printed construct under E) brightfield and F) 355 nm UV light. Error bars
represent standard deviation of n = 3.

compared to the bulk materials. Although, the E for the printed
CA28 and CA60 structure was lower compared to the bulk, the
tailorable mechanical properties were still observed in printed
hydrogels (Figure 3B, and Figure S2, Supporting Information)
confirming that the evolution of mechanical properties is preserved during the printing process. In order to build 3D structures with defined mechanical domains, bioinks upon gelation
need to retain their positional accuracy. The precision of the
placement of the bioink was tested by building a complex 3D
structure composed of a helical channel of CA60 embedded in
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a CA28 cylinder (Figure 3C,D). In order to distinguish between
the two hydrogel structures, CA60 was labeled with the fluorescent dye Rhodamine 123, (Figure 3E,F). The ability to print
such channels of soft hydrogel within a stiffer hydrogel could
be used to present different mechanical cues to a single population of cells to invoke different differentiation programs based
on the cell microenvironment.
Since fluid flow induced shear stress that can damage cell
membrane and compromise cell viability, the nozzle shear
stress for NA and the CA formulations was determined using
a previously described fluid-dynamics model (Figure S3, Supporting Information).[18] Resolution of the fluid-dynamics
model for a 300 µm nozzle shows that NA has the highest
calculated shear stress (6.1 kPa), whereas in the CA formulations, this was substantially lower (1.6–2.5 kPa) (Figure S4,
Supporting Information). To ascertain the suitability of the CA
bioinks and microvalve printer in printing cells, human mesenchymal stem cells (hMSCs) isolated from femoral heads of
three independent donors (n = 3) were pooled and dispersed
in 2% w/v solutions of NA, CA28, CA60, and CA93 at 37 °C
(106 cells mL−1). The hMSCs’ viability was assessed immediately
after printing using a live/dead assay and compared to hMSCs
simply physically dispersed within the hydrogel (Figure 4A).
hMSCs were chosen as they have been shown to respond to
mechanical cues.[28] The total number of dead cells per field
of view (FOV) was calculated and plotted alongside the shear
stress, and this showed increased cell death with increasing
shear stress (Figure 4B). Comparison of MSC viability in
printed versus nonprinted NA hydrogel revealed that cell viability was significantly lower in the printed NA gels (65%).
However, cells embedded in CA28 and CA60 could be printed
with negligible change in their viability (95 and 91%, respectively) in comparison to the nonprinted controls (Figure 4C).
Surprisingly, the viability of cells printed in CA93 was statistically lower than the control. This small drop in viability maybe
attributed to higher shear stress experienced by cells in the
CA93 during dispensation. It has been previously reported in
several studies that the extrusion of a cell suspension in an
aqueous solution through a needle induces a high shear stress
that can damage the cell membrane.[29] One way to reduce the
shear stress is to increase the viscosity of the injected solution
by introducing biocompatible polymers.[29–31] However, in the
CA93 solution the shear stress generated during the extrusion
might not be sufficiently shielded as the CA solution has inherently a low viscosity CA93. Nevertheless, the viability of cells in
the printed CA93 was still substantially higher (81%) in comparison to those printed in NA (65%).
In order to ascertain the proliferation status of hMSCs
after printing, hMSCs were dispersed in NA and CA60, and
the cell numbers immediately after printing were counted
in a fixed FOV (FOV 2.8 m × 2.2 mm) and compared to cell
numbers after 7 d. Since NA and CA both lack cell adhesion
domains, hMSCs were also printed using CA60 supplemented
with 0.16%w/v Collagen 1 (Col-1) (Figure 5A, and Figure S5,
Supporting Information). Polysaccharide hydrogels such as CA
that show limited cell adherence have been modified with cell
adhesion peptides[2] or blended with silk fibroin to promote
cell adhesion,[32] and likewise NA has been blended with collagen to formulate an extrudable bioink that can support cell
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Figure 5. A) Proliferation of hMSCs within the printed hydrogels
at day 0 compared to day 7. B) CAD 3D rendering of the constructs.
C) Photograph of different layers of the 3D-printed construct. D) Stitched
fluorescent microscopy images of the cells printed in one branch of the
construct showing their uniform distribution. *p ≤ 0.05, **p ≤ 0.01, and
***p ≤ 0.001. Error bars represent standard deviation for n = 3.
Figure 4. A) Fluorescent images of hMSC dispersed in nonprinted (top)
and printed (bottom panel) NA and CA gels. B) Cell death in printed
hydrogels as a function of shear stress during extrusion calculated with
our fluid dynamic model. C) Viability of hMSCs dispersed in printed
(purple) and nonprinted hydrogels (green). *p ≤ 0.05, **p ≤ 0.01, and
***p ≤ 0.001. Error bars represent standard deviation for n = 3.

proliferation.[33] In this study, CA was blended with collagen to
improve bioink cell interactions. While a statistically significant
increase in the number of live cells, assessed using live/dead
staining, was observed in NA, the increase observed in the case
of CA60 was not significant. However, CA60 supplemented
with Col I showed a tenfold higher cell numbers in comparison
to day 0, that is, immediately after printing. Since the addition
of Col-1 does not modify the mechanical properties of carboxylated agarose,[2] we can conclude that the printing conditions
do not impact hMSCs proliferation and thus printed CA bioink
supports the postprinting viability of cells for at least 7 d.
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Since the nozzle viscosity of the CA bioink is decoupled from
its mechanical properties in the gel state, we explored the suitability of CA28 and CA60 to render complex hydrogel structures.
hMSCs dispersed in CA60 were printed as three straight and
three curved channels in different planes within a cylinder of
CA28 (Figure 5B,C). Fluorescent microscopy images revealed
that the two hydrogels were indeed spatially resolved with cells
clearly confined in one of the channels (Figure 5D). The successful printing of such structures demonstrates the ability to
fabricate complex 3D structures of different mechanical and
biological properties using CA bioink.
Flow-induced shear stress is an inevitable physical effect present in every dispensing process, for example, pipetting, extrusion, and droplet ejection. The level of shear stress was shown
to be a vital criterion for postprinting cell survival and proliferation in 3D bioprinting.[33,34] The nozzle geometry and the
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rheological properties of the applied hydrogel were identified
as the most powerful driving forces that determine the level of
shear stress in a dispensing system.[35,36] In the present study,
we have shown that chemical modification of hydrogels, such
as carboxylation, is an effective method to tune the rheological
properties of a bioink in order to reduce dispensation associated
shear stress-induced cell death. As an alternative to changing
the material properties, the printing process can be adjusted to
minimize shear stress. One such example is spraying of cellladen droplets using an electric field—electrohydrodynamic
spraying.[37] This technique has been further developed for cell
encapsulation within an electrospun fiber that can be organized
into a precise scaffold, and it has been shown that these cells
remain viable upon transplantation in mice.[38] Nevertheless,
electrohydrodynamic spraying, bioextrusion, and bioplotting
require the cells be suspended or dispersed in a material that
can be ejected through a nozzle. This will invariably induce a
shear stress, which can be detrimental to the cell viability.[35]
The more viscous the solution is, the higher will be the shear
stress. Therefore, having a bioink with a low viscosity would be
beneficial for techniques that require an extrusion of cell suspension within a biomaterial. In this context, the bioink presented herein where the bioink solution rheology is decoupled
from bioink gel phase properties could be potentially useful in
the above-mentioned processes and applied where shear stress
associated cell death is an issue.[35]
Our study demonstrates that thermo-responsive and
mechanically tailorable CA can be utilized as bioinks to print
complex architectures in which cells can be precisely organized within hydrogels of different stiffness. Such structured
3D environments could allow the spatial guidance of cell differentiation by patterned mechanical cues within a hydrogel
environment and enable the incorporation of mechanobiology
paradigms in the direct 3DP of cells. Furthermore, our study
extends the already broad utility of carboxylated agarose in biomedical applications which include synthetic 3D cell culture
matrix,[2] nonwoven antimicrobial wound dressing,[39] and antimicrobial hydrogel[40] to bioinks for cell printing.

Experimental Section
Materials Contributions: NA was obtained from Merck (Darmstadt,
Germany); (2,2,6,6-tetramethylpiperidin-1-yl)oxyl (TEMPO, 99%),
sodium bromine (NaBr, 99%), NaOCl solutions 15% v/v, NaBH4
(99.99%), NaCl (BioXtra ≥ 99.5%), Rhodamine 123, and phosphate
buffered saline (PBS) were purchased from Sigma Aldrich (USA)
and used as received. Ethanol technical grade was used as received.
Deionized water was obtained from a laboratory ion exchanger.
Synthesis of Carboxylated Agarose: 1 g of NA type 1 (Merck) was
transferred into a three-necked round bottom flask, equipped with
a mechanical stirrer and pH meter. The reactor was heated to 90°
to dissolve the agarose and then cooled to 0 °C in an ice bath under
mechanical stirring to prevent the solution from gelling. The reactor was
then charged with TEMPO (0.160 mmol, 20.6 mg), NaBr (0.9 mmol,
0.1 g), and NaOCl (2.5 mL, 15% v/v solution) under vigorous stirring.
The pH of the solution was adjusted to pH 10.8 throughout the
duration of the reaction, and the degree of carboxylation was controlled
by the addition of predetermined volumes of NaOH solution (0.5 m).
At the end of the reaction NaBH4 (0.1 g) was added, and the solution
was acidified to pH 8 and stirred for 1 h. The CA was precipitated by
sequential addition of NaCl (0.2 mol, 12 g) and ethanol (500 mL), and
the solid was collected by vacuum filtration and extracted using ethanol.
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Residual ethanol was removed by extensive dialysis against water and
the CA was obtained as a white solid upon freeze-drying overnight.
Rheological Characterization: The viscosities of NA and CA solutions/
hydrogels were characterized using a rotary rheometer (Kinexus,
Malvern Instruments, Worcestershire, UK) with a 4° cone and plate
geometry. Shear stress and viscosity were measured for shear rates from
0.01 to 10 000 s−1 at 40 °C. The viscosity was measured for different
temperatures, from 60 to 5 °C with cooling at the rate of 1 °C min−1, with
a constant shear rate 10 000 s−1.
Mechanical Testing: NA and CA bulk hydrogels were cast in a 15 mm
diameter cylindrical plastic vial and allowed to set overnight at 4 °C. The
bottom of the vial was cut open and the cylinder of hydrogel was pushed
out of the vial. Hydrogel discs were cut to similar height and measured
using a caliper before testing. Printed hydrogel samples were produced
on an in-house developed 3D printer. A 15 mm diameter cylinder was
printed with a height of 10 mm. The hydrogels were allowed to set
overnight at 4 °C prior to testing. Compression testing of printed and
bulk samples was carried out on a universal testing machine (Zwick,
Germany) equipped with a 50 N load cell at a speed of 1 cm min−1 until
fracture of the hydrogels, and the data were exported and analyzed using
Microsoft Excel (Microsoft, Redmond, WA).
Droplet Volume: The volume of the droplet dispensed by the
printer for different NA and CA formulations (NA 0.5, 1 and 2% w/v;
2% w/v CA28, CA60, and CA93) was determined by extruding 500
droplets into a tared 1.5 mL Eppendorf tube. The total weight of each
dispensation (500 droplets) through a 300 µm nozzle for various gating
times (450, 675, and 900 ms) was measured for three independent
dispensations.
3D Printer: The printer comprised four printer heads mounted to a
three-axis robotic system (Isel, Eichenzell, Germany). Each head could be
heated, pressurized, and controlled individually (Figure S6A, Supporting
Information). The printer heads were composed of an electromagnetic
microvalve (Fritz Gyger, Gwatt, Switzerland) connected to a pressurized
bioink reservoir (Figure S6B, Supporting Information). The printing
pressure could be varied from 0 to 300 kPa. For all experiments
conducted in this study the air pressure was adjusted to 50 kPa. The
printer head was designed to enable quick exchange of the attached
microvalves between valves with small (150 µm), medium (300 µm),
and big (600 µm) nozzle diameters. The microvalve constitutes the basic
dispensing unit of the system (Figure S6C, Supporting Information). By
application of an electric current running through a magnetic coil, the
valve ball is lifted magnetically against the mechanical force of a spring.
The valve opens and allows a fraction of hydrogel-cell suspension to be
squeezed out of the nozzle. The gating time could be varied from 450 µs
to 1 s. By dropping the current, the magnetic force is reduced and the
ball is pressed into the seat again closing the valve. The printing stage
was cooled by circulating refrigerant cooled down to −10 °C using a
cooling aggregate (TC45-F, Peter Huber Kältemaschinenbau, Offenburg,
Germany). The print head carrying the CA formulation was heated up
to 40 °C and the printing pressure set to 50 kPa. All 3D bioprinting
experiments with Rhodamine stained hydrogels and with loaded cells
were conducted using the 300 µm nozzle. After printing the structures
were held for 20 min at 4 °C to ensure the complete gelation of agarose.
Postprinting Viability Study on hMSCs: Four different hydrogel precursor
solutions were prepared by mixing 0.04 g mL−1 NA or CA (28%, 60%,
and 93%) with PBS. The agarose solutions were subsequently autoclaved
at 121 °C for 15 min. Four million hMSCs from three independent
donors (n = 3) were pooled together and resuspended in 2 mL growth
medium (Mesenpan; PAN Biotech, Aidenbach, Germany) supplemented
with 2%v/v fetal calf serum (FCS) and 1% v/v solution of 10 000 units
of penicillin mixed with 10 mg streptomycin (Gibco, Life Technologies,
Carlsbad, CA). The hMSCs were isolated from femoral heads of three
independent donors as described previously.[41] For determining cell
viability, 500 µL of each of the NA or CA solution was mixed at 37 °C and
resuspended with equal volumes of the cell suspension resulting in a final
cell concentration of 106 cells mL−1. The hMSC dispersed in either NA or
CA formulation was loaded into the printer head and printed dropwise
into a 96-well plate. For each type of hydrogel, three samples with a final
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volume of 100 µL were printed using the 300 µm microvalve (Fritz Gyger,
Gwatt, Switzerland) at an air pressure of 50 kPa and a valve gating
time of 450 ms. As a control three samples with a volume of 100 µL of
each hydrogel type were pipetted into the well plate. Immediately after
printing cell viability was assessed using a vital fluorescence staining
assay. The staining solution contained 0.083 mg mL−1 propidium iodide
(P4170-10116, Sigma-Aldrich, St. Louis, MO) and 0.083 mg mL−1
fluorescein diacetate (F7378-10G, Sigma-Aldrich, St. Louis, MO) in
Ringer’s solution. Each sample was imaged three times using an inverted
microscope (DMI6000B, Leica Microsystems, Wetzlar, Germany). Living
and dead cells were counted using ImageJ.
Shear Stress during Printing: The shear stress cells were exposed
to during the dispensing process was estimated using a previously
described fluid dynamics model.[18] In addition to the printing settings,
nozzle size (300 µm) and air pressure (50 kPa), the flow consistency
index (K) and the flow behavior index (n), which describe the rheological
behavior of a hydrogel solution, were applied as input parameters
for shear stress calculations. Values of K and n were derived from the
viscosity measurements of the hydrogel solutions as described previously.

Supporting Information
Supporting Information is available from the Wiley Online Library or
from the author.
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