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Abstract
The acoustic and mechanical properties of 3D-printed porous poly-(ethylene glycol)-diacrylate
(PEGDA) hydrogel scaffolds were investigated using an ultrasound pulse echo technique on different
scaffold microstructures (solid, hexagonal and square pores). Acoustic parameters such as speed of
sound, acoustic impedance and attenuation coefﬁcient as well as physical parameters such as the pore
structure, effective density and elastic moduli were determined. The results show that microstructure
(porosity and pore geometry) plays a crucial role in deﬁning properties of 3D-printed scaffolds,
achieving the highest attenuation for the scaffold with hexagonal pores and showing a decrease in
sound speed and elastic moduli with increasing porosity. The properties were also found to be similar
to those of soft tissues, making PEGDA scaffolds a suitable candidate for tissue engineering
applications. To evaluate their cellular performance, adhesion and proliferation of human
mesenchymal stem cells (hMSCs) in these scaffolds were investigated. The porous scaffolds performed
better than the solid one, recording the highest cell attachment and growth for the scaffold with the
square pores.

1. Introduction
Tissue engineering has recently emerged as an important technology with promises to replace, repair and
regenerate human tissues. One of its key components
is the design and development of effective threedimensional (3D) tissue scaffolds that can provide a
suitable microenvironment mimicking the in vivo
situation. An ideal tissue engineering scaffold should
be biocompatible, have suitable porosity to allow cell
migration as well as nutrient exchange and appropriate
mechanical properties [1, 2]. For better integration of
3D scaffolds and the host tissue, accurate characterization of scaffolds is crucial. Here, we report an acoustic
and mechanical characterization—speed and attenuation of ultrasound as well as elastic moduli—of various
3D-printed tissue engineering scaffolds and investigate their properties and suitability.
Conventional methods for scaffold fabrication
such as solvent casting, gas foaming, and particulate
and porogen leaching have major drawbacks including the use of toxic solvents, inability to create precise
© 2018 IOP Publishing Ltd

pore size and geometry, long manufacturing periods
and low reproducibility [3, 4]. 3D printing, on the
other hand, offers great advantages such as quick fabrication, incorporation of different materials as well as
micro- and nanoparticles, and ﬁnally high precision
and accuracy on thickness, porosity, pore size as well
as geometry so that they closely resemble the target tissue [5–8].
Understanding the properties of 3D-printed scaffolds is critical for facilitating their proper modeling
and efﬁcient design. Surface topography, chemistry as
well as mechanical properties have been shown to signiﬁcantly inﬂuence scaffolds’ biological functionalities
including cell adhesion, proliferation and differentiation [9–11]. Each method of characterization has its
own advantages and disadvantages and often they
complement rather than replace each other. Conventional means of classical mechanical characterization
of tissue engineering scaffolds, often require destructive testing or means that can compromise the
sterility of the samples [12]. In contrast, ultrasonic
techniques offer a cost-effective, non-invasive and
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non-destructive characterization without lengthy prior
preparation [13, 14]. Furthermore, it can directly probe
the elastic and viscous properties of a material by
measuring the speed of ultrasound and its attenuation.
Such acoustic characterization has been performed
for biological tissues [15–17] as well as a number of
synthetic polymeric constructs made of PLGA [18],
Silicone [19], Polyvinyl alcohol [15], Agar gel [19]
and polyacrylamide gel [20] for their possible use as
human tissue substitutes. However, all these studies
were conducted on thin slabs of solid hydrogel
samples which do not truly represent the highly porous body environment. A few studies that have investigated the role of microstructure such as porosity and
pore size on ultrasonic properties of bone mimicking
phantoms [21–24] focused on biomaterials fabricated
by conventional techniques and therefore suffered
from irregular surface patterns with no control over
pore size and porosity. On the other hand, the ultrasonic properties of 3D-printed scaffolds with custom
designed microstructures have not been measured
before.
In this work, we use polyethylene (glycol) diacrylate (PEGDA) bioink to develop 3D-porous scaffolds.
PEGDA has been widely used in biomedical applications including tissue engineering, wound healing
and drug delivery due to its high water content,
biocompatibility and easy printability [6]. Using an
in-house built table-top stereolithography based 3D
printer in our lab, we are able to 3D print tissue scaffolds from a variety of biomaterials with varying inner
pore and channel structures to closely customize the
geometry and microenvironment of a patient’s defect
site [5, 25–27]. Acoustic properties of 3D-printed
micro-structured PEGDA scaffolds have not been
investigated before.
We measure ultrasound attenuation coefﬁcient,
speed of sound and acoustic impedance as well as
mechanical properties of PEGDA scaffolds with varying thicknesses and pore geometries, and compare the
results with properties of biological tissues. In addition, we investigate whether and how porosity and
pore geometry can affect human mesenchymal stem
cells (hMSCs) attachment and proliferation on these
scaffolds. In recent years, tissue engineering approach
has focused on hMSCs as an important cell source
because of their ability to differentiate into various cell
types [28–30].

2. Materials and methods
2.1. Hydrogel scaffold fabrication
An in-house built tabletop stereolithagraphy-based
3D printer was used to fabricate structured hydrogel
scaffolds (ﬁgure 1(a)). The printer consists of a
movable stage, which is capable of 3D axial movement
and is equipped with a UV (355 nm) laser source
(MarketTech, Scotts Valley, CA). The printing
2

conﬁguration is controlled by an open source software
(Pronterface) package. 3D constructs were ﬁrst created
using computer aided design (CAD) software. Afterwards, the geometric models were exported into Slic3r
software to program the porosity (inﬁll density) and
pore geometry. Once completed, the corresponding
STL ﬁle was sent to the 3D printer. The print speed was
maintained at 25 mm s−1 and the frequency of pulsed
signal used to print the structured patterns varied from
8 to 11 kHz. Using this 3D printer, we were able to
create 3D-porous scaffolds with hexagonal and square
pore geometries. Additional details about stereolithography printing can be found elsewhere [5–7].
Hydrogel resins were prepared by mixing 40 wt%
poly (ethylene glycol) (PEG, Mn 300) and 60 wt%
poly (ethylene glycol) diacrylate (PEG-DA, Mn 575)
in the presence of a photo initiator, Bis(2, 4,
6-trimethylbenzoyl)-phenylphosphineoxide (BASF,
Florham Park, NJ) (0.5 wt% of PEGDA), in a 50 ml
centrifuge tube. To ensure homogenous mixing and
adequate dissolution, the tube was left to rest overnight on a shaker. For printing a single layer, 3 ml of
the hydrogel resin was pipetted into a 10 cm diameter
glass petri dish and placed upon the print bed. It was
then cured by laser directed by the CAD ﬁle to produce
an effective layer of 400 μm. This process was then
repeated for each layer starting with fresh deposition
of resin solution and allowing it to spread over the previous layer. Three 400 μm thick layers were printed for
the PEGDA scaffolds. Once the printing was complete,
the cured scaffolds were rinsed with acetone and then
distilled water to remove unreacted resin.
For acoustic studies, scaffold blocks of dimension
50×50×1.2 mm3 with different pore geometries
were 3D-printed (ﬁgure 1(b)). The thickness of the
scaffolds was determined using a digital caliper having
a resolution of 0.01 mm. One solid sample of the same
dimension and material was cured via ultraviolet (UV)
exposure and used as the reference. Since manufacturing and processing conditions strongly inﬂuence the
results, all the samples were prepared on the same day
with fresh resins and allowed to swell in ultrapure
water overnight prior to acoustic measurements. For
the cellular evaluation, these constructs were punched
into uniform cylindrical scaffolds using a 12 mm
biopsy punch (ﬁgure 1(c)).
2.2. Ultrasonic testing
A pulse echo technique was used to determine both
sound propagation speed and attenuation coefﬁcient
of 3D-printed hydrogel scaffolds. The schematic diagram of the experimental setup is shown in ﬁgure 2. In
this conﬁguration, a single piezoelectric transducer
acts both as a transmitter and a receiver of the sound
wave. The transducer is driven by a commercially
available pulser-receiver (model 5800; PanametricsNDT, Waltham, MA), which produces short pulses
with a pulse repetition frequency of 100 Hz. The
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Figure 1. (a) In-house built stereolithagraphy-based 3D printer, (b) porous PEGDA hydrogel scaffolds developed via
stereolithography based 3D printer and a non-porous PEGDA scaffold as the reference, (c) punched scaffolds using a 12 mm biopsy
punch.

received signal is then sampled using a digital oscilloscope (Model TDS 2012; Tektronix, Beaverton, OR).
Each measurement was averaged 64 times to increase
the signal-to-noise ratio. This digitizer was linked to a
personal computer where the data were transferred for
further processing. The recorded signals were then
analyzed using a fast Fourier transform (FFT) program
developed in-house written in MATLAB.
The measurements were carried out in a polycarbonate water tank (50 mm×50 mm×45 mm) at
room temperature (20 °C). The samples were subjected to ultrasound from above at a normal incidence
using degassed deionized (DI) water as a coupling
ﬂuid. Care was taken to make sure that the sample surface immersed in water was completely ﬂat with
respect to the incoming wave to avoid unwanted
3

scattering. To obtain the acoustic attenuation and
speed of sound in a frequency range from 1 to 12 MHz,
three unfocused immersion transducers (Olympus
NDT, Waltham, MA) with central frequencies of 2.25
(V306, −6 dB: 1.57–3.05 MHz), 5 (V309, −6 dB:
2.25–7.8 MHz) and 10 MHz (V311, −6 dB: 6.44–12.9)
with an element diameter of 0.5 inch were used. The
transducers were calibrated using a capsule hydrophone (HGL-0200, ONDA, Sunnyvale, CA) in a water
tank ﬁlled with degassed DI water. The acoustic wavelengths studied here (150–700 μm) are smaller than
the thickness of the samples, ensuring that our acoustic measurements probe the bulk properties. Note that
the samples positioned at 40 mm from the surface of
the transducer are in the near ﬁeld (N=60 mm at
2.25 MHz, 132 mm at 5 MHz and 266 mm at
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Figure 2. Schematic representation of the pulse echo technique (a) without a sample (reference), (b) with the sample introduced into
the water path, (c) enlarging the interfacial boundaries, (d) picture of the experimental setup.

10 MHz). However, experiments repeated with a
recently acquired 10 MHz transducer with a smaller
element diameter 0.25 inch (N=66 mm) produced
no signiﬁcant variation validating the experimental
procedure.
For each reading we acquired ﬁfty voltage–time RF
traces in an averaged mode and stored for further processing. Each measurement is averaged over 8 readings
per sample, repositioning the sample after each reading. This is repeated three times on three freshly printed samples.
2.3. Density and porosity measurements
For density and porosity measurements, scaffolds were
punched out using a 12 mm biopsy punch as shown in
ﬁgure 1(c). Punched scaffolds were dried overnight
and weighed in order to calculate their apparent mass
density rapp using the initial volume (measured
4

thickness of 1.2 mm and diameter of 12 mm using a
digital caliper with sensitivity of 0.01 mm), as drying
did not cause any signiﬁcant change in the sample
volume. The sample speciﬁc porosity f is then
determined as [31, 32]
f = (1 - rapp / rs) ,

(1)

where rs is the solid phase density of the dried
reference (non-porous) scaffold. To calculate their
densities in wet state, all scaffolds were soaked in DI
water and weighed after 24 h. The density of the
scaffolds was calculated from the ratio of the apparent
masses in air and water and knowledge of the density
of water at room temperature. For the porous
scaffolds, the density of a given saturated material is
related to the densities of the frame as well as the
saturating ﬂuid, and hence it can be written as follows
[14]:
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Figure 3. Ultrasound pulse trace in water without specimen and after passing through a porous PEGDA scaffold. A 5 MHz transducer
is used as the source.

rp = (1 - f) rs + frw ,

(2)

where rp is the density of porous scaffold, rs density of
the skeletal frame in the wet state (PEGDA non-porous
scaffold) and rw is the water density. All the measurements were repeated 6 times from different positions
of the printed scaffolds and averages were computed.
2.4. Speed of sound and attenuation coefﬁcient
measurements
Both the speed of sound and attenuation measurements were carried out in the same experimental setup
shown in ﬁgure 2(d). We used a time-of-ﬂight
approach; the temporal shift (Dt ) between the pulse
transit times with and without the scaffolds in the
path- to determine sound velocities in the scaffolds.
Knowing the speed of sound in water and the sample
thickness, the velocity of sound in the specimen is
[19, 33, 34]
-1
⎛ 1
Dt ⎞
Cs = ⎜
⎟ ,
⎝ Cw
2d ⎠

(3)

where Cs and Cw are the speeds of sound in the scaffold
and water, respectively and d is the sample thickness.
The values were computed by averaging over six
measurements. The speed of sound in water was taken
to be 1483 m s−1 [22, 35]. This value was used in all
subsequent speed of sound calculations. A typical
voltage–time signal with and without the porous
scaffolds is shown in ﬁgure 3.
To measure the attenuation of the sound traveling
through the sample, we compute the FFT of the signal
obtained in the pulse echo mode. For the signal transmitted through water alone (ﬁgure 2(a))
A w ( f ) = U0 ( f ) e -2aw ( f ) D ,

(4)

where aw ( f ) is the attenuation coefﬁcient of water, D
is the water path length and U0 ( f ) in the initial
amplitude and Aw ( f ) is the FFT of the received signal
5

amplitude. Referring to ﬁgure 2(b), for propagation
through a sample:
As ( f ) = U0 ( f ) e -2aw ( f )(D - d ) (TI,II TII,I)2e -2as ( f ) d ,
2ZII
2ZI
TI,II =
, TII,I =
ZI + ZII
ZI + ZII
(5)

where As ( f ) is the FFT of the received signal
amplitude, d is the sample thickness, as ( f ) is the
attenuation coefﬁcient of the sample, TI,II is the
transmission coefﬁcient at boundary I (between water
and tissue) and TII,I is the transmission coefﬁcient at
boundary II (between tissue and water) (ﬁgure 2(c)). ZI
and ZII are the characteristic acoustic impedances
(product of the density and the speed of sound) of
water and scaffold material. From (4) and (5), one
ﬁnds
⎡1
as ( f ) - a w ( f ) = ⎢
ln [A w ( f ) / As ( f )]
⎣ 2d
⎤
1
+ ln (TI,II TII,I)⎥.
⎦
d

(6)

We use equation (6) to measure the attenuation
knowing the transmission coefﬁcients TI,II and TII,I for
all the scaffolds. To validate the accuracy of our methodology we measured attenuation using the same scaffold with two different thicknesses to eliminate the
transmission coefﬁcient calculations. Both techniques
resulted in similar values (data not shown).
Please note that in order to determine density,
porosity, speed of sound and other acoustic properties, the porous scaffold material with an inherently
heterogeneous structure has been treated as a coarse
grained homogeneous continuum. In effect these
quantities are indicative of the bulk system averaging
over the variations in the scale of the pore dimension.
For the acoustic propagation the underlying analysis is
a gross approximation as it is strictly valid only for
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wavelength far larger compared to the pore dimension. To accurately solve the acoustic propagation
through the porous geometry one needs to satisfy the
boundary condition on the actual pore surface using
e.g. a ﬁnite element method (FEM). The present
method is sufﬁcient for our purpose of gross characterization of the sample. Also note that the same
acoustic attenuation value experimentally computed
from measurements in samples of different thicknesses (ﬁgure 5) partially validates the homogenized
treatment.
2.5. SEM analysis and mechanical testing
A scanning electron microscope (SEM, Zeiss NVision
40FIB) was employed to assess the matrix morphology
and pore structure at 2 kV accelerating voltage. To
make the samples conductive for SEM imagining, they
were coated with gold nanoparticles using a standard
argon gas sputter-coater set to 15 mA.
The compressive elastic modulus of the scaffolds
was determined via uniaxial compression testing
(n=6) (Applied Test Systems, Butler, PA) ﬁtted with
a 100 N load cell at a crosshead speed of
0.5 mm min−1. Samples were punched by a 12 mm
biopsy punch and were placed in ultrapure water overnight prior to testing. We plotted the stress–strain
curves and calculated the Young’s modulus from the
linear region.
2.6. Cell culture, adhesion and proliferation in
3D-printed hydrogel scaffolds
hMSCs were obtained from the Texas A&M Health
Science Center, Institute for Regenerative Medicine.
The cells (passage #3-6) were cultured in complete
media composed of Alpha Minimum Essential medium (α-MEM, Gibco, Grand Island, NY) supplemented with 16% fetal bovine serum (Atlanta Biologicals,
Lawrenceville, GA), 1% L-glutamine (Invitrogen,
Carlsbad, CA) and 1% penicillin:streptomycin (Invitrogen, Carlsbad, CA) and incubated under standard
cell culture conditions (37 C, a humidiﬁed, 5%
CO2/95% air environment). Prior to cell seeding, the
samples were sterilized via exposure to ultraviolet light
for 15 min, ﬂipped and exposed for another 15 min,
and then rinsed with PBS three times. Subsequently,
the sterilized samples were incubated with culture
media described above for 24 h before cell seeding.
Porous multilayer scaffolds of different geometries
were evaluated for hMSC adhesion. For adhesion
studies, all samples were seeded at a density of
25×103 cells per scaffold in 24-well plates. For 5 day
proliferation studies, a cell density of 5×103 was used
and incubated for 1, 3 and 5 days. After the prescribed
time periods, the scaffolds were rinsed using PBS to
remove non-adherent cells.
The cell proliferation on each scaffold was quantiﬁed via MTS assay (CellTiter 96 Aqueous Non-Radioactive Cell Proliferation, Promega, Madison, WI) and
6

analyzed using a Thermo Scientiﬁc Multiskan GO
spectrophotometer at a setting of 490 nm wavelength [7].
2.7. Statistical analysis
All cell studies were run in triplicates. And then they
were repeated three times on different days to further
allow for day-to-day and donor variations leading to
n=9. Data are presented as the mean  standard
error of the mean unless indicated otherwise. These
statistical analyses were conducted using Student’s
t-test. Statistical signiﬁcance was considered at
p<0.05.

3. Results and discussion
3.1. Morphological characterization of 3D-printed
scaffolds
The microstructure and morphological features of the
pores were examined using a scanning electron microscope (SEM, Zeiss NVision 40FIB). SEM images of
3D-printed scaffolds with square and hexagonal pore
shapes are displayed in ﬁgures 4(b) and (c). 3D-printed
hydrogel scaffolds are highly porous with open and
interconnected pores that are surrounded by polymer
walls. As shown in the ﬁgure, the pores and channels
in the 3D-printed scaffolds are distinct and have
corresponded well to the pre-designed shapes
(ﬁgure 4(a)). The square pattern is created by printing
lines in alternate direction, which contributed to the
shadows in the SEM image in ﬁgure 4(c). Using image
J software (imagej.nih.gov), the SEM micrographs
were further processed to determine the average size
of the pores and the surrounding walls (table 1).
Note that pores increased the available substrate
surface area by 700% for scaffolds with square pores
and 350% for those with hexagonal pores. Table 1
summarizes the physical properties of the 3D-printed
scaffolds. The wet density of PEGDA computed here
matches with the literature (as well as manufacturer
provided value of 1.12 g cm−3). It is also close to the
values for soft tissues such as breast (1.06 g cm−3),
liver (1.07 g cm−3), wet tendon (1.11 g cm−3), and
human skin (1.19 g cm−3) [36].
3.2. Ultrasonic attenuation
The attenuation coefﬁcient was determined for the
non-porous scaffold and scaffold with square pores
with varying thicknesses using a transducer with a
central frequency of 10 MHz. Figure 5 shows that the
acoustic attenuation coefﬁcients averaged over the
−6 dB transducer bandwidth remain almost constant
(as it should be for a material parameter validating our
methodology) with values of 1.39 ±0.16 and
2.44±0.05 Np cm−1 for solid and square scaffolds
respectively.
Figure 6(a) plots the power spectrum of the
transmitted signals obtained by a 10 MHz transducer

Biomed. Mater. 13 (2018) 055013

M Aliabouzar et al

Figure 4. (a) CAD models and (b) scanning electron microscopy images of 3D-printed scaffolds with square and (c) hexagonal pore
shapes. The scale bar represents 200 μm.

as a function of frequency for the three different scaffolds—solid, hexagonal pores and square pores. It
shows that the attenuation is highest for the scaffold
with hexagonal pores. Figure 6(b) shows attenuation
for all three samples as a function of frequency. The
data obtained by transducers with three different
central frequencies have been collated here. The
average attenuation coefﬁcients for solid, hexagonal
and square scaffolds measured using transducers
with different central frequencies of 2.25, 5 and
10 MHz are presented in table 2.
From ﬁgure 6(b), one notes that aggregate attenuation collated from all three different transducers is signiﬁcantly higher for the scaffold with hexagonal pores
compared to the other two possibly due to the higher
scattering cross-section—pore dimensions are comparable to the incident wavelength making scattering
an important phenomenon—from the asymmetric
hexagonal pores [37]. The average aspect ratio of hexagonal pores is ∼1.8 compared to ∼1.01 for the square
pores. Jeong and Hsu [38] reported a higher attenuation coefﬁcient for asymmetrical and longer pores
compared to the spherical ones. The lower attenuation
coefﬁcient for non-porous scaffolds may be attributed
7

to the ﬂat nature of the surface and therefore much less
likely to contribute to surface scattering and diffraction [23], and such a behavior has also been observed
in carbon composites as well as graphite/epoxy composites [23, 24, 39]. Attenuation increases with frequency for the solid scaffold and the one with square
pores for all frequencies. However, for the scaffold
with hexagonal pores, attenuation shows a peak value
around 9 MHz. Such a non-monotonous behavior has
also been seen from scatterers with increasing asymmetry [37].
The approximate linear increase of attenuation with
frequency for the PEGDA scaffolds in the range of
1.5–10 MHz, (ﬁgure 6(b)) has been ﬁtted to obtain
slopes dα/df (Np cm−1 MHz−1) of 0.71(r2=0.94),
0.33 (r2=0.89) and 0.17 (r2=0.91) for hexagonal,
square and solid scaffolds, respectively. Such a linear
variation with frequency has also been noted for soft tissues over a broad frequency range from 1 to 50 MHz
[40–42]. The attenuation values recorded in table 2 for
PEGDA scaffolds fall within the range of reported values
for the soft tissues −3.5 Np cm−1 for human lung at
1 MHz, 2.19 Np cm−1 for human cartilage at 5 MHz
and 0.4 Np cm−1 at 1 MHz for human skin [36, 43].
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Table 1. Measured properties of 3D-printed scaffolds: geometry (symbols deﬁned in ﬁgure 4), density and porosity.
Scaffold

Pore size (μm)

Pore interconnecting wall (μm)

Volume (mm3)

Dry mass (mg)

ρs(g cm−3)

ρapp(g cm−3)

∅ (%)

ρwet (g cm−3)

Solid
Hexagon
Square

—
l=548.6±26, h=1062.6±60, b=768.3±31
a=580±18

1038±21
265.7±17

135.64
135.64
135.64

44.4
30.6
22

0.3273
0.3273
0.3273

0.3273
0.2255
0.1669

—
33
47

1.06±0.01
1.04
1.03

M Aliabouzar et al
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Figure 5. Average attenuation coefﬁcient measured with a 10 MHz transducer at different thicknesses.
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Figure 6. (a) Power spectrum for signals transmitted through solid scaffold, porous with a square pore shape and a hexagonal pore
shape using a 10 MHz transducer as the transmitter and receiver, (b) attenuation curves of scaffolds over the frequency range of
1.5–12 MHz by using transducers with center frequencies of 2.25, 5 and 10 MHz.

3.3. Sound velocity
We measured the speed of sound for all the samples at
2.25, 5 and 10 MHz according to equation (3). We found
that speed of sound remained constant for all the
scaffolds with increasing frequency (ﬁgure 7 (a)).
Previous studies on soft tissues have also shown very
little dispersion in the range of 1–15 MHz [36].
Figure 7(b) indicates that the speed of sound decreases
from solid scaffold, with increasing porosity achieving a
value close to speed of sound in water for the square
scaffold (47% porosity). The decrease is due to a decrease
in the effective elastic stiffness of the scaffolds with
increasing porosity (determined by mechanical testing
and recorded in ﬁgure 8). The values of the speed of
sound computed here for PEGDA scaffolds (also listed
in table 2) are close to those found in biological soft
tissues such as in kidney (1558–1568 m s−1), liver
(1550–1607 m s−1), cardiac muscle (∼1529 m s−1),
articular cartilage (1500–1700 m s−1), human breast
9

tissue ( 1430–1570 m s−1) and human skin (1540 m s−1)
[36, 44, 45]. Note that the standard deviation in the
computed value for the solid scaffold is slightly larger
than the other two, but still quite small ∼0.65%. With
the knowledge of speed of sound and density their
product, the characteristic acoustic impedance, was
calculated and summarized in table 2. The obtained
value of characteristic acoustic impedance for the nonporous PEGDA sample is similar to what has been
published by Demitri, et al [46] for a hydrogel mixture of
PEGDA and water.
3.4. Bulk and Young’s moduli of scaffolds
We compute the effective bulk elastic modulus of the
scaffolds using the relation
K = rC 2,

(7)

where ρ is the density of the material and C is the
longitudinal velocity of ultrasound waves in the
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Figure 7. Speed of sound as a function of (a) frequency and (b) porosity for the 3D-printed scaffolds.

Table 2. Averaged attenuation coefﬁcients (using different frequency transducers), sound speed, acoustic impedance, elastic moduli and
Posson’s ratio of PEGDA scaffolds.
Attenuation coefﬁcient (Np cm−1)
3D-printed
scaffolds

Hexagonal pore
Square pore
Solid

2.25 MHz

5 MHz

10 MHz

Speed of
sound
(m s−1)

Characteristic
impedance
(106 Kg m−2 s−1)

Young’s
modulus
(MPa)

Bulk’s
modulus
(GPa)

Poisson’s
ratio

0.34±0.11
0.15±0.04
0.14±0.08

2.18±1.09
0.84±0.45
0.49±0.2

4.68±0.6
2.44±0.69
1.47±0.58

1519±2.1
1508±3.2
1589±10.42

1.58
1.55
1.7

1.01±0.18
0.42±0.15
1.78±0.4

3
2.7
3.5

0.499 92
0.4996
0.4999

medium [47]. The bulk elastic moduli are computed
to be 3.5, 3 and 2.7 GPa for the solid, hexagonal and
square samples, respectively (also listed in table 2).
Note that water at 22 °C has a bulk modulus of
2.24 GPa.
In order to obtain Young’s modulus values for the
porous and non-porous hydrogel scaffolds, we performed unidirectional compression test and plotted
the stress–strain curves (ﬁgure 8(a)). Stress (MPa) was
calculated as the force divided by the apparent crosssectional area of the scaffold while strain (mm mm−1)
was the ratio of the displacement over the initial thickness. As noted before, this analysis is premised on
treating the highly anisotropic and heterogeneous
porous material as an effective homogeneous medium. Especially for the scaffold with square pores, due
to their construction of printed lines in alternate directions, the compressive stress is disproportionately
transferred through the corners, where the ﬁbers in
different layers cross (see ﬁgure 4(c)), as was shown by
FEM solution [48]. The solid scaffold shows the steepest slope followed by porous scaffolds with hexagonal
and square pores (ﬁgure 8(a)). Young’s modulus is
computed from the linear region of the curves.
Figure 8(b) shows that the averaged Young’s modulus
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decreases with porosity, recording the highest value
(1.9 MPa) for the non-porous hydrogel scaffold, as
expected [49]. There we also plot a theoretical estimate
of the Young’s modulus as a function of porosity [50]:
E p = Es ( 1 - F) 3 ,

(8)

where Es and Ep are the Young’s moduli of the solid
(measured directly) and porous scaffolds, respectively.
The measured moduli for the porous scaffolds compare reasonably with the theoretical estimates, partially validating the effective homogenized theory
analysis used here. Computed moduli for the PEGDA
scaffolds are similar to the ones reported by De Santis
et al [51] and also lie within the range reported for
biological tissues such as cartilage (0.75–1 MPa).
Knowing the bulk and Young’s moduli, one can
determine Poisson’s ratio according to
n=

3K - E
.
6K

(9)

The values of K and E listed in table 2 are used to
compute v (also listed in table 2), which achieves a
value of 0.5 characteristic of an incompressible
material.
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Figure 8. (a) Stress versus strain diagrams plotted from uniaxial compression testing on the PEGDA samples, (b) averaged computed
compressive Young’s moduli for the solid and 3D-printed scaffolds with varying pore geometry along with theoretical estimate
equation (8). Data are±standard error, n=6.

Figure 9. (a) 6 h hMSC adhesion on 3D-printed PEGDA scaffolds, (b) 5 day MSC proliferation on 3D-printed PEGDA scaffolds (Data
are mean±StdEM, n = 9). Values signiﬁcantly different from control group are indicated by * for p<0.05 and ** for p<0.01.

3.5. Effect of pore geometry on hMSC adhesion and
proliferation
Figure 9 shows hMSC adhesion after 6 h and 5 day
proliferation in different PEGDA scaffolds. The data
indicate that hMSCs expectedly grow better on porous
PEGDA scaffolds compared to the solid one since
porous scaffolds provide a suitable environment for
cells to grow and facilitate nutrient and oxygen
diffusion as well as waste removal [52]. Scaffolds with
square pores exhibited signiﬁcantly higher adhesion
and proliferation compared to the hexagonal one
(46% higher after a 6 h adhesion study) which is in
agreement with the previous studies [25, 27]. Previously, we have conﬁrmed cell growth and spreading
on the 3D-printed porous scaffolds using optical and
confocal microscopies [25, 27]. Availability of
increased surface area for the cells to adhere in porous
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scaffolds clearly is one of the key factors for the results
observed here. The higher proliferation in scaffolds
with square channels at least partially can be attributed
to its higher porosity—47% compared to 33% for that
with hexagonal pores—and therefore its higher surface area. However, we have found in a previous study
that a scaffold with square pores (64% porous) led to a
higher cell proliferation than a scaffold with hexagonal
pores (78% porous) [25]. Moreover, recently a curvature driven effect has been suggested claiming better
adhesion and spreading of hMSCs to corners with
larger curvatures [53–56], which might also have led to
better results in square pores. Nelson, et al correlated
the curvature driven growth to regions of higher force
concentrations [57]. Firmer understanding of the
effect of geometrical features of the tissue scaffolds
such as pore geometry and porosity is critical for
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optimized scaffold design. One would need systematic
studies varying pore anisotropy at a constant porosity.

4. Conclusion
In this study, for the ﬁrst time, ultrasonic characterization of 3D-printed porous scaffolds for tissue engineering applications has been performed. Scaffolds
have been designed and fabricated using a stereolithography based 3D printing technique, which corresponded well with the original CAD models developed
in-house. We measured attenuation coefﬁcient, sound
speed, acoustic impedance, density, and bulk and
Young’s moduli, varying pore geometry and thereby
scaffold porosity. The properties computed were
found to be similar to those of biological tissues.
Although most of the properties could be explained by
relating them to the porosity—sound speed, bulk and
Young’s moduli decreasing with increasing porosity—
we found that pore asymmetry too plays an important
role in determining attenuation; enhanced asymmetry
of hexagonal pores led to a higher attenuation of
ultrasound compared to non-porous scaffold as well
as one with higher porosity but with square pores. To
evaluate their cellular performance, we performed
adhesion and proliferation studies using human
mesenchymal stem cells (hMSCs). Cell adhesion and
proliferation greatly improved for scaffolds with
square and hexagonal pore geometries compared to
non-porous scaffolds, recording better performance
on square pores.
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