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Preface
Mechanics of Biological Tissues and Biomaterials:
Current Trends
Amir A. Zadpoor
Abstract: Investigation of the mechanical behavior of biological tissues and biomaterials has
been an active area of research for several decades. However, in recent years, the enthusiasm
in understanding the mechanical behavior of biological tissues and biomaterials has increased
significantly due to the development of novel biomaterials for new fields of application, along
with the emergence of advanced computational techniques. The current Special Issue is a
collection of studies that address various topics within the general theme of “mechanics of
biomaterials”. This editorial aims to present the context within which the studies of this
Special Issue could be better understood. I, therefore, try to identify some of the most
important research trends in the study of the mechanical behavior of biological tissues and
biomaterials.
Reprinted from Materials. Cite as: Zadpoor, A.A. Mechanics of Biological Tissues and
Biomaterials: Current Trends. Materials 2015, 8, 4505-4511.
1. Introduction
The mechanical behavior of biological tissues and biomaterials has been intensively
studied for decades, but has recently been receiving increasing attention. The mechanical
properties of biological tissues were traditionally studied within the biomechanics
community. However, the biomaterials community is becoming interested in this field of
research through analyzing the most important predictors of biomaterials suitability,
especially their stiffness and strength. During the last decade, our ability to characterize and
analyze biological tissues, on the one hand, and design and synthesize “mult i-functional
biomaterials”, on the other hand, has improved substantially. In many cases, these
multi-functional biomaterials either replace or enable the regeneration of damaged tissues. There
are, therefore, either temporary or permanent interactions between (evolving) tissues and the
multi-functional biomaterials that come in contact with them. These interactions take several
forms but mechanical interaction is one of the most important types, particularly for
load-bearing tissues, such as musculoskeletal tissues. Within the context of these
developments, a wider range of researchers have become interested in studying the
mechanical interactions between tissues and biomaterials. In many cases, this means the study
of the mechanical behavior of both biological tissues and biomaterials, not only to determine
the basic mechanical properties, but also to extract the type of data that is needed for
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advanced constitutive modeling of those materials. Moreover, the multi-functional nature of
many biomaterials conveys that their mechanical properties are not only important from the
mechanical and load-bearing viewpoints, but also in the way that they influence their other
bio-functionalities. There are indeed many examples where the mechanical properties of
biomaterials influence and/or regulate their biological performance. For example, it is shown
that the physical and mechanical properties of the matrix on which stem cells are cultured
could influence the behavior of stem cells [1,2]. Moreover, post-manufacturing treatments of
biomaterials, which are usually aimed at improving one or more functionalities of the
biomaterials, could influence the mechanical function of biomaterials as well. That is why the
different functionalities of biomaterials need to be simultaneously studied. Finally, there is a
recent trend in the “rational design” of biomaterials, where materials with specific
micro-architectures are designed to achieve specific mechanical and biological properties.
Given the recent advances in 3D printing and additive manufacturing, it is now possible to
manufacture almost any such design, meaning that an unlimited number of rationally
designed biomaterials have become available that need to be studied, among other aspects,
from the mechanical viewpoint.
Given all the above-mentioned developments, we felt it is a good time to dedicate a
Special Issue of the journal Materials to the study of the mechanical behavior of biological
tissues and biomaterials. Many authors from all around the world contributed their latest
research, which were subsequently reviewed to select the studies that form this Special Issue.
This editorial tries to present the context within which these selected studies could be better
understood.
2. Mechanics of Biological Tissues
There are several reasons why one may be interested in the mechanical behavior of
biological tissues. The relevance of such studies is very clear for skeletal tissues, such as
bone, cartilage, and tendon, whose main functions are structural. That is why many of the
earliest studies on the mechanical behavior of biological tissues were focused on skeletal
tissues. To date, skeletal tissues are among the most intensively studied biological tissues in
terms of their mechanical behavior. However, many more types of tissues are now being
studied, including brain [3–5], liver [6,7], muscle [8,9], and adipose tissue [10]. In the
remainder of this section, I will highlight three of the most important areas where the
mechanical properties of tissues are needed.
2.1. Constitutive Modeling of Biological Tissues
Advanced materials models are needed when describing the mechanical response of
biological tissues to multi-axial loading. That is partly due to the heterogeneity of the
mechanical properties, anisotropy, time-dependency of the mechanical behavior, presence of
several phases (fluid, solid, ions, etc.), and adaptation of mechanical properties to mechanical
loading. That is particularly important when developing computational models of tissues.
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Since most biological tissues are strongly hierarchical, it is particularly interesting to relate
the microstructure of tissues to their macro-scale mechanical behavior. In the present issue,
Taghizadeh et al. [11] relate the mechanical behavior of aortic tissue to the lamellar structure.
In another study, Li et al. [12] have developed a highly stretchable substrate made from
fugitive glue that could be used to study “the effects of large strains on biological samples”.
2.2. Tissue Regeneration
Regeneration of damaged tissues using tissue engineering and regenerative medicine
approaches is an important aim pursued by the biomedical engineering community. In order
to regenerate tissues, one needs to provide the proper environment for tissue regeneration
including media (i.e., scaffolds, gels) that are mechanically strong enough to support the
process of tissue regeneration. At the same time, tissue engineering scaffolds should not be
overly stiff, because they might otherwise impede the regeneration of tissues [13,14]. It is
therefore natural to ask: “What would are the optimal range of the mechanical properties of
tissue engineering scaffolds and gels?” One approach is to characterize the native tissue to
gain some insight into the expected range of mechanical properties [13,14]. This approach has
some limitations, because the mechanical properties required to optimally support the process
of tissue regeneration may not necessarily be the same as those of the native tissue. Despite
those limitations, the properties of the native tissue are, in many cases, the best available
starting point. Moreover, the mechanical properties of biological tissues could be used for
diagnosis of diseases that manifest themselves in terms of changes in the mechanical
properties of tissues. In this issue, Nesbitt et al. [15] study the mechanical behavior of the
skin tissue and how collagen fibrils respond to mechanical loading. This type of information
could be potentially useful both for diagnosis of skin diseases and for tissue engineering
applications.
2.3. Tissue Damage and Trauma
Mechanical loading of tissues combined with underlying diseases could lead to tissue
damage. This includes not only the non-physiological loading that is experienced in traumatic
events but also physiological loading of tissues when a chronic disease such as osteoporosis is
present. In a chronic disease such as osteoporosis, one is interested in knowing what level of
mechanical loading could the bones tolerate without risking osteoporotic fracture. Knowing
the answer to that question requires information regarding the mechanical properties of bones.
Similarly, studying the changes in the mechanical properties of cartilage is crucial when
studying osteoarthritis. Indeed, it has been demonstrated that changes in the mechanical
properties of cartilage are one of the first indicators of osteoarthritis onset [16]. As for trauma,
one is concerned about how biological tissues respond to non-physiological loading. In this
issue, Weed et al. [17] report on the mechanical isotropy of porcine lung parenchyma, which
is an important property when deciding what kind of constitutive modeling approach should
be used for analysis of the mechanical behavior of that tissue. The mechanical behavior of the
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lung tissue is important, for example, when studying the pulmonary injuries caused by
trauma.
3. Mechanics of Biomaterials
3.1. Implants
Implants that are aimed to stay in the human body for a long time were among the first
biomaterials. It is important to ensure that the implants do not fail under their service load.
Therefore, the mechanical properties of implants, such as static mechanical properties and
fatigue behavior, need to be studied. In addition to the implants themselves, the biomaterials
that are used for fixation of the implants or filling the cavities inside (hard) tissue need to
satisfy certain requirements in terms of their mechanical properties. Finally, the mechanical
properties of implants could have consequences for their function even when there is no risk
of mechanical failure. Perhaps the most important example is the stress shielding
phenomenon [18], where overly stiff implants could cause tissue resorption, implant
loosening, and ultimately implant failure. All these concerns have motivated the study of the
mechanical behavior of implant systems. In the current issue, Maurer et al. [19] study the
mechanical behavior of different designs of prosthetic meshes that are used to repair hernia
and pelvic organ prolapse. In another study, Weiss and Mitevski [20] report on the
microstructure and deformation of different designs of CoCr coronary stents. Bone cements are
the subjects of two other studies published in the current Special Issue. In the first study,
Geffers et al. [21] review the strategies for reinforcement of calcium phosphate cements. In
the second study, Jiang et al. [22] investigate the effects of adding mineralized collagen on
the mechanical properties and cytocompatibility of PMMA (polymethyl methacrylate) bone
cements.
3.2. Biomaterials for Tissue Regeneration
As discussed in Section 2.2, the biomaterials that are used to facilitate tissue regeneration
need to satisfy a set of requirements concerning their physical, mechanical, and biological
properties. Assuming we know the expected range of the mechanical properties of the tissues
that need to be regenerated, the next step is to develop biomaterials that exhibit the desired
mechanical properties while satisfying other requirements. Characterizing the mechanical
properties of tissue engineering scaffolds is therefore an important line of research, as is clear
from the large number of related studies appearing in the current issue. Goncalves et al. [23]
study hybrid membranes of PLLA (poly-l-lactide) and collagen and how their production
techniques influence the mechanical properties and osteoinduction ability of the resulting bone
tissue engineering scaffolds. In another study, Wang et al. [24] used phase separation to
fabricate bone tissue engineering scaffolds based on poly (lactide-co-glycolide) and
tight-coated with gelatin. The effects of gelatin modification on hydrophilicity and
mechanical properties of the scaffolds were investigated. Teng et al. [25] developed porous
films whose wettability and adhesion could be tuned. This technology has potential
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applications in tissue engineering of various types of tissues. Finally, Chan et al. [26]
combined polypropylene with boron nitride and nanohydroxyapatite to develop
biocomposites aimed for application as bone substitutes. The effects of above-mentioned
reinforcements on the mechanical properties and biocompatibility of the resulting biomaterials were
studied.
3.3. Biofabrication
The application of advanced manufacturing techniques, such as 3D printing and additive
manufacturing, in the fabrication of medical devices and biomaterials is often called
biofabrication. Biofabrication techniques have enabled us to manufacture new categories of
biomaterials that intimately interact with cells and organs and could have arbitrarily complex
micro-architectures. There is a direct relationship between the micro-architecture of
biomaterials and their physical, biological, and mechanical properties [27]. The
micro-architecture of such biomaterials could therefore be used to create unique combinations
of biological, mechanical, and physical properties. Many research groups worldwide are
researching the mechanical properties of additively manufactured biomaterials. For example,
in the current issue, Ahmadi et al. [28] study the relationship between the type of repeating
unit cell and the static and morphological properties of selective laser melted porous biomaterials.
3.4. Soft Biomaterials
Soft biomaterials and matrices particularly specific types of (hydro-) gels have been in the
center of recent attention of many research groups. Among other applications, these soft
biomaterials could provide suitable environments for tissue regeneration. However, the
mechanical properties of many types of hydrogels are not high enough to enable them provide
enough mechanical support for tissue regeneration. That is why improving the mechanical
properties of gels is particularly important and new variants of (hydro-) gels with
significantly improved mechanical properties have been developed during the last few years,
see, for example, [29]. In addition to improving the mechanical properties of gels, there are
other mechanical aspects that need to be fully understood. One example is the swelling
behavior of gels in presence of water and ions and development of computational models and
constitutive equations that could simulate the swelling behavior.
A number of studies appearing in the current special issue study the various aspects of the
mechanical, physical, and biological behavior of soft biomaterials including (hydro-) gels.
Baniasadi and Minary-Jolandan [30] report on development and mechanical characterization
of a composite hydrogel based on alginate and collagen. Lin and Gu [31] study the effects of
crosslink density and stiffness on the mechanical properties of type I collagen gel. In another
study, Moreno-Arotzena et al. [25] study the properties of collagen and fibrin gels aimed for
application in wound healing.
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4. Conclusions
Study of the mechanical behavior of biological tissues and biomaterials has been
flourishing during the last few years partly due to recent developments in the biomechanics
and biomaterials communities. Increasingly, the study of the mechanical behavior is
combined with the study of the other aspects of biomaterial functionality. The studies
appearing in the current Special Issue contribute towards better understanding of the various
aspects of the mechanical behavior of both biological tissues and biomaterials.
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Experimental Evidence of Mechanical Isotropy in Porcine
Lung Parenchyma
Benjamin Weed, Sourav Patnaik, Mary Rougeau-Browning, Bryn Brazile, Jun Liao,
Raj Prabhu and Lakiesha N. Williams
Abstract: Pulmonary injuries are a major source of morbidity and mortality associated with trauma.
Trauma includes injuries associated with accidents and falls as well as blast injuries caused by
explosives. The prevalence and mortality of these injuries has made research of pulmonary injury a
major priority. Lungs have a complex structure, with multiple types of tissues necessary to allow
successful respiration. The soft, porous parenchyma is the component of the lung which contains the
alveoli responsible for gas exchange. Parenchyma is also the portion which is most susceptible to
traumatic injury. Finite element simulations are an important tool for studying traumatic injury to the
human body. These simulations rely on material properties to accurately recreate real world mechanical
behaviors. Previous studies have explored the mechanical properties of lung tissues, specifically
parenchyma. These studies have assumed material isotropy but, to our knowledge, no study has
thoroughly tested and quantified this assumption. This study presents a novel methodology for
assessing isotropy in a tissue, and applies these methods to porcine lung parenchyma. Briefly, lung
parenchyma samples were dissected so as to be aligned with one of the three anatomical planes,
sagittal, frontal, and transverse, and then subjected to compressive mechanical testing. Stress-strain
curves from these tests were statistically compared by a novel method for differences in stresses
and strains at percentages of the curve. Histological samples aligned with the anatomical planes
were also examined by qualitative and quantitative methods to determine any differences in the
microstructural morphology. Our study showed significant evidence to support the hypothesis that
lung parenchyma behaves isotropically.
Reprinted from Materials. Cite as: Weed, B.; Patnaik, S.; Rougeau-Browning, M.; Brazile, B.; Liao, J.;
Prabhu, R.; Williams, L.N. Experimental Evidence of Mechanical Isotropy in Porcine Lung
Parenchyma. Materials 2015, 8, 2454-2466.
1. Introduction
Pulmonary injury, including pulmonary contusion and pulmonary laceration, is a serious source
of morbidity and mortality following blunt or blast trauma [1–7]. Common causes for civilians
include motor vehicle accidents, falls, assaults, and sports injuries [8–10]. Additionally, explosions
and other sources of blast trauma can cause severe pulmonary injuries, and are commonly seen in
military or civilian victims of such events [1–3,11,12]. Blast lung injury is the primary cause of death
in those who initially survive an explosion [12]. The prevalence of these types of injuries has made
pulmonary injury a crucial area of trauma research.
Lungs have a complex structure, which can be summarized as a network of stiff airway tubes,
bronchi and bronchioles, embedded in a soft and porous tissue, lung parenchyma. The lungs are
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enclosed by the thin pleural membrane and immersed in pleural fluid. The parenchyma contains
the gas-exchanging alveoli which are very soft and highly susceptible to damage. Damage to the
parenchyma leads to bleeding, edema, and collapse of the microstructure, which prevents gas
exchange [13]. In serious cases this ultimately leads to the inability of the lungs to adequately
oxygenate the blood and even medically supplemented oxygen may not be sufficient to prevent
death [4]. The degree of lung damage a trauma victim has sustained is difficult to diagnose in a
clinical setting. Physical experiments which could create a predictive index for these injuries
involving human cadavers or live animals are costly and logistically difficult to perform. Finite
element methods are a promising option for performing controlled experiments of different forms
and severities of traumatic events.
Finite element methods are commonly used in research for simulating different mechanisms
of injury [4,7,11,14,15]. These simulations require constitutive relationships to represent the
mechanical properties of the materials. Previous studies have explored the mechanical responses of
lung parenchyma under different loading conditions [16–18]. These studies have all assumed that
lung parenchyma behaves isotropically, but to our knowledge, no study has verified this assumption.
Moreover, reports that have addressed isotropy in other materials have used the comparison of values
derived from stress-strain curves such as modulus, extensibility, or stress and strain at failure [19–22].
These methods of comparisons offer insight into the isotropy in a material, but do not compare the
entire stress-strain relationships of different loading directions along quantifiable histological data,
which may be useful for certain materials or loading multiaxial conditions.
In this study we evaluated lung tissue in compression with three experimental groups comprising
specimens aligned with the three anatomical planes: sagittal, frontal, and coronal. We subjected these
groups to uniaxial compression, with each group corresponding to one of the anatomical planes.
Stress-strain curves of each group were generated from the test data, and the groups were compared
to determine the differences among loading directions in the stress and strain values at 10% intervals
of the curve. These differences were evaluated for statistical significance between direction groups.
Furthermore, histological investigations (Movat, Massons) and analysis of the histological micrographs
were used to determine if any morphological differences were apparent at the microstructure level.
2. Materials and Methods
2.1. Tissue Procurement and Preparation
Porcine lungs were obtained from a local abattoir, in accordance with Mississippi State University
Institutional Animal Care and Use Committee regulations. All specimens were obtained from
market ready pigs of approximately 12 months of age weighing 225 pounds. Lungs were obtained
immediately following sacrifice, placed in sealed plastic bags in a cooler on ice and transferred
within thirty minutes to the laboratories in the Department of Agricultural and Biological
Engineering at Mississippi State University for mechanical testing (Figure 1a). To alleviate the
effects of post mortem tissue changes, all mechanical tests were performed within twelve h of
sacrifice. Lungs were dissected of the pleural membranes and a section of the lung, approximately
60 mm by 100 mm rectangular sections were isolated from the center area (Figure 1b). Twenty mm
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cylindrical test specimens were dissected from the larger section of lung. These cylindrical samples
were 10 mm thick (Figure 2c). The cylindrical samples were prepared such that they were aligned
with one of the three anatomical planes; sagittal, frontal, and coronal. The three alignments were
used as our three comparison groups.

Figure 1. (A) Freshly obtained pig lung; (B) 60 mm × 100 mm rectangular sections
were removed; (C) 10 mm thick cylindrical samples were prepared.
2.2. Histological Preparation and Light Microscopy
Three specimens, one from each of the aforementioned anatomical planes, were prepared for
histological examination. Specimens were fixed using 10% neutral buffered formalin, paraffin
embedded, sectioned to 5 ȝm thickness, and mounted to glass slides. One set of slides was stained
with Movat’s Pentachrome to observe the composition of structural proteins, and a second set of
slides was stained with Masson’s Trichrome to observe the blood vessels and fibrous tissue.
Prepared specimens were analyzed via light microscopy using a Leica DM2500 light microscope
(Leica Microsystems, Wetzlar, Germany) at 100× magnification to observe any qualitative differences
in microstructure.
Specimens were quantitatively analyzed for differences in microstructure using ImageJ
(National Institute of Health, Bethesda, MD, USA). For each orientation, a series of twenty five
overlapping light microscope images were obtained. These micrographs were compiled using the
MosaicJ plugin (Ecole Polytechnique Federale De Lausanne, Lausanne, Switzerland) for ImageJ.
Briefly, overlapping micrographs were positioned within the MosaicJ window and the software
was used to create a single cohesive image based on overlapping portions of separate micrographs.
This allowed for larger regions of the slide-mounted sample to be imaged without omitting portions
of larger alveoli. The cohesive images were then cropped to create the largest rectangle available.
Figure 2 illustrates how individual micrographs contributed to the composites, and how the uneven
edges were cropped. The final composites for each direction were thresholded, inverted, and analyzed
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using the “Analyze Particles” feature in ImageJ. In this tissue the most relevant, and most readily
observed by this method, feature is the alveolar spaces (white) of the lung tissue. “Analyze Particles”
was configured to filter out particles with an area of less than 2000 pixels, approximately 2839 square
microns, to eliminate extremely small particles or artifacts. Edge particles were also filtered.
Roundness, Circularity, Solidity, and Aspect Ratio of the Fit Ellipse were plotted as histograms and
analyzed to discern the 1st, 2nd and 3rd quartiles of the histograms to compare any differences
among the alignment planes. These parameters describe particle shape and provide insight into
particle elongation and tortuosity. Formulas for these parameters are shown in Appendix.

Figure 2. Composite micrograph composed of individual micrographs.
2.3. Compression Testing
Specimens were subjected to uniaxial compressive loading using the Mach1 Micromechanical
Testing System® (Biomomentum, Laval, QC, Canada). A flat, disc-shaped metal platen was used
for compression testing. The sample was attached with a small amount of high-viscosity cyanoacrylate
ester adhesive (Permabond LLC, Pottstown, PA, USA) to prevent slipping of the sample from
below the compression head, without introducing confinement effects that would compromise the
uniform stress state assumption. Samples were submerged in Phosphate buffer saline (PBS) to
simulate physiological conditions and prevent samples from drying during the test. Figure 3 shows
the testing apparatus. The samples were pre-loaded to two grams-force, and pre-conditioned by
cyclic loading to ten percent strain for ten cycles. We chose to precondition because lung is under
constant cyclic loading during normal physiological conditions, and the preconditioning mimics
this cycling. Specimens were then loaded to ten kilograms-force at a rate of ten percent strain
(engineering) per second, with the loading velocity adjusted accordingly for each specimen. Load
and displacement data were collected by the Mach1 software for further analysis.
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Figure 3. Mach1 Micromechanical Testing System®. (A) Sample in dish with compression
platen removed; (B) Compression platen lowered onto sample in testing dish.
3. Data Analysis
3.1. True Stress versus True Strain Conversions
Data from our mechanical tests were processed in Microsoft Excel (Microsoft, Redmond, WA,
USA) to create true stress-true strain curves. Data from each test were converted to engineering
stress and engineering strain using the following Equations (1) and (2) (Appendix). Data were
further processed to true stress and true strain using Equations (3) and (4) (Appendix). These true
stress-strain conversions assume a uniform stress state and incompressibility. These assumptions
are discussed further in the limitations section of this manuscript.
3.2. Interpolation of True Stress-True Strain Curves
We observed the true stress and true strain at equivalent percentages of the stress-strain curve in
order to compare tests within each anatomical plane and between anatomical planes. Because the
sampling rate during testing yields results that do not coincide with even percentages, an
Excel-based interpolation script was used to create an equivalent curve with 10 data points at
multiples of 10% (10%, 20%, …, 100%) for each experimental data set. Briefly and for a given set
of test data, this interpolation script determined the maximum true stress and true strain values and
normalized all true stress and true strain values relative to the maximum, respectively. The distance
was then determined between each recorded data point by using the Pythagorean distance formula.
For each data point, the accumulated distance was divided by the total distance for the data set to
determine the percentage of the total for that data point. Using these newly assigned percentages
for each data point, the true stress-true strain data points closest to a 10% strain were then selected.
A linear interpolation was done between these two points to create a new data point, which
represented the 10% point of the experimentally recorded curves. This process was repeated for
each multiple of 10% until 90% was reached. The final experimentally recorded data point was
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used as the 100% data point. This script was run for each experimental data set to generate a bank
of curves that would allow for precise analysis.
3.3. Comparison of Recorded Data among Anatomical Planes
The interpolated data sets from each experimental test were compiled in Excel and the data
at increments of 10% strain within each anatomical plane were averaged to create a characteristic
curve for each anatomical plane. The average of the characteristic curves were plotted with
standard deviation (Figure 4).

(A)

(B)

Figure 4. (A) Stress-Strain relationship across anatomical planes (Frontal (blue):
n = 18, Sagittal (red): n = 13, Transverse: n = 12); (B) Combination of all Stress-Strain
data (n = 43). Error bars indicate +/í one standard deviation.
Statistical analysis was performed to compare the differences in stress and strain in each of
the three anatomical planes. At 10% strain increments, the stress-strain data were tested using a
single-factor ANOVA with a 95% confidence interval to determine if there was a significant
difference among each of the three anatomical planes. Statistics were performed using in
Microsoft Excel.
4. Results
Micrographs for each anatomical plane are presented in Figure 5. Figure 5A-B, C-D, and E-F
show Movat’s Pentachrome for the sagittal, frontal, and transverse planes, respectively. These
micrographs do not indicate any apparent qualitative differences in morphology or alignment of
microstructural features among the three anatomical planes. Composite Micrographs created with
MosaicJ are shown in Figure 6; Figure 6A is sagittal, Figure 6B is frontal, Figure 6C is transverse.
The corresponding histograms for a particle analysis, particles being alveolar spaces, are shown in
Figure 7. Histograms for Roundness (Figure 7A), Circularity (Figure 7B), and Solidity (Figure 7C),
were prepared with bins from 0 to 1, incremented by 0.05, where the columns indicate the
percentage of particles that fell into each bin. The aspect ratio (Figure 7D), was prepared with bins
from 1.0 to 3.4, incremented by 0.1, and columns denoting the percentage of particles for each bin.
It should be noted that some aspect ratio data was not displayed in this histogram in the interest of
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more effectively highlighting the majority of the data; 3.4 was chosen as the end of the axis
because this was the final value at which more than two particles occurred within a single bin for
any of the three alignments. Table 1 shows the 1st quartile, median, and 3rd quartiles for the
histograms. Histograms of particle analysis parameters had little difference among the different
orientation planes.

Figure 5. Movat’s Pentachrome for the sagittal (A,B), frontal (C,D) and transverse (E,F) planes.

200 ȝm

200 ȝm

200 ȝm
Figure 6. Composite micrographs of (A) saggital, (B) frontal, (C) transverse planes (200 ȝm scale).
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Figure 7. Histograms for (A) Roundness; (B) Circularity; and (C) Solidity; (D) shows
the aspect ratio of samples.
Table 1. The 1st quartile, median, and 3rd quartiles for the histograms.
Roundness

Sagittal

Frontal

Transverse

1st Quartile

0.53375

0.512

0.512

Median

0.66

0.626

0.647

3rd Quartile

0.77225

0.75

0.761

Circularity

Sagittal

Frontal

Transverse

1st Quartile

0.385

0.411

0.451

Median

0.5855

0.6

0.618

3rd Quartile

0.72475

0.722

0.723

Solidi

Sagittal

Frontal

Transverse

1st Quartile

0.812

0.824

0.853

Median

0.889

0.898

0.912

3rd Quartile

0.93525

0.936

0.94

Aspect Ratio

Sagittal

Frontal

Transverse

1st Quartile

1.29475

1.333

1.314

Median

1.515

1.598

1.546

3rd Quartile

1.87475

1.953

1.955

True stress-true strain curves for each anatomical plane are shown in Figure 4A. The composite
curve for the average of the three planes is shown in Figure 4B. The results of the statistical
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comparisons for each percentage are presented in Tables 2 and 3. There were no significant
differences in either stress or strain among the three anatomical planes for any percentage level.
Table 2. Results of statistical comparisons for the samples.
Frontal

Path
%

Sagittal

Transverse

Avg. True ı Avg. True ı Avg. True ı

F

p-value

Frontal

Sagittal

Transverse

Avg. True İ Avg. True İ

Avg. True İ

F

P-value

10

619.39

729.75

957.42

2.6893

0.0793

0.2293

0.2251

0.2477

0.0470

0.9542

20

1,588.29

1,934.04

2,390.74

2.5329

0.0912

0.4580

0.4488

0.4937

0.0468

0.9544

30

3,984.76

4,568.52

5,304.14

1.4654

0.2423

0.6817

0.6642

0.7301

0.0462

0.9549

40

9,563.28

9,819.38

10,977.00

0.3470

0.7087

0.8778

0.8506

0.9318

0.0453

0.9557

50

18,377.42

17,719.62

19,178.35

0.0115

0.9886

1.0198

0.9872

1.0789

0.0448

0.9562

60

28,466.14

26,711.31

28,380.77

0.0223

0.9780

1.1261

1.0896

1.1895

0.0444

0.9566

70

39,023.73

36,054.37

37,928.60

0.0771

0.9259

1.2130

1.1766

1.2817

0.0442

0.9568

80

49,760.69

45,514.93

47,479.43

0.1367

0.8726

1.2907

1.2584

1.3727

0.0443

0.9567

90

60,601.53

54,822.69

56,676.20

0.2193

0.8040

1.3625

1.3489

1.4820

0.0453

0.9558

100

71,323.68

64,005.78

65,778.25

0.2841

0.7541

1.4406

1.4472

1.5977

0.0461

0.9550

Table 3. Standard deviations for statistical comparisons of the samples. Dev.: Deviations.
Frontal

Part

Sagittal

Transverse

%

Strain Dev.

Stress Dev.

Strain Dev.

Stress Dev.

Strain Dev.

Stress Dev.

10

0.030915423

127.2781798

0.075739326

240.5005433

0.027138761

331.5140315

20

0.061629963

347.8942716

0.150734704

648.4193448

0.054122752

817.186667

30

0.090535682

829.7268617

0.221484316

1556.705447

0.078778275

1624.193247

40

0.110923627

1890.534598

0.280026781

3438.735718

0.097867071

2602.47132

50

0.123904198

3539.070152

0.32436637

6711.154692

0.113630437

3650.112918

60

0.137258653

5585.462839

0.359870173

10716.82231

0.127062902

5247.527794

70

0.150673246

7795.522934

0.392218749

14986.77743

0.139112415

7176.190338

80

0.164835636

10072.46936

0.424828203

19386.53237

0.151445696

9218.119181

90

0.180556847

12424.48858

0.46166626

23807.36975

0.168660868

11333.30934

100

0.208370407

14937.09112

0.504503056

28290.23423

0.198543701

13672.60307

5. Discussion
True stress-true strain curves for each anatomical plane appear to be similar, and the error bars
indicate the variation among specimens is much greater than the variation between the averaged
curves for each anatomical plane. It is well known that biological tissues exhibit a large degree of
inter-specimen variation, and the degree to which the plane curves vary appears to be within one
standard deviation for each other curve, respectively. This observation, while qualitative, strongly
supports our hypothesis of isotropy. Statistical comparison of the stress and strain values for each
multiple of 10% indicates no significant differences between any of the three planes or the average
of the three planes. This quantitative observation also supports our hypothesis of isotropy.

12
The interpolation method presented was formulated with the interest of comparing curves
effectively. The method for determining the percentages of the curve was chosen as a means of
giving equivalent weight to both stress and strain. We believed this approach to be preferable to
basing percentages on only one parameter because the characteristic curves for biological
materials, which are often described as hyperelastic, are commonly observed to have two distinct
regions of tissue behavior. The first region is described as the toe-in region and is dominated by the
realignment of tissue structures to resist loading. The second region is described as the linear
region and is dominated by significant resistance to loading as the tissue builds towards failure. A
comparison based on strain percentages would capture more of the toe-in region and less of the
linear region, essentially hiding a large amount of tissue behavior in the higher strain percentages.
Likewise, a percentage comparison based on stress would capture more of the linear region and
less of the toe-in, hiding a large amount of tissue behavior in the lower stress values. The combined
weight of the two parameters allows the entire stress-strain path to be considered equally.
Quantitative analysis of micrographs did not indicate apparent differences in the morphology
of porcine lungs (Figure 7 and Table 1). The quantitative particle analysis, which showed the
morphological parameters had very similar values and distributions among the orientation planes,
complimented the qualitative observations. Overall, the histological examinations supported the
hypothesis that porcine lung is an isotropic material. Analysis of microstructural features is
an important part of understanding the hierarchical organization of biological tissues. The change
in organization, shape, and size of some features under deformation lends insight to possible
physiological changes in the biological system. Microstructural changes during loading can be used
to understand the sub structural evolution of lung, or other biological tissues, under loading and
thus aid in modeling complex tissue behaviors. The data presented here strongly supports the
widely held belief that lung parenchyma is an isotropic material. Despite this belief, we are not
aware of a thorough analysis of this assumption. Beyond the implications for lung tissue, we
believe the methods presented here represent a strong system for assessing isotropy in other tissues.
This is valuable for future research as biological tissues may be isotropic or anisotropic, and a
confident understanding of a given tissue’s behavior is crucial for effective constitutive modeling.
Additionally, verification of isotropy allows the analysis of more complex material properties such
as viscoelasticity, strain rate dependency, and stress state dependency without considering the
complexity of anisotropy. The ultimate result is a more efficient path towards a complete
understanding of the material properties of lung, and other biological tissues of interest to the
research community.
6. Conclusions
This study presents a novel method for testing mechanical isotropy in biological tissues. This
method was used to demonstrate the isotropic nature of porcine lung parenchyma. This was a
widely used assumption in the body of literature, but had not been explicitly analyzed or proven.
This is significant for soft-tissue biomechanics in general, as it presents a means for testing isotropy
in other tissues. It is significant for lung biomechanics research because it allows for future research
to be conducted without concern for overlooking anisotropy in more complex material properties.

13
Future studies will address important behaviors such as viscoelasticity, strain rate dependency,
stress-state dependency, and microstructural evolution of lung parenchyma.
7. Limitations
The conversion formulas for true stress and true strain rely on assumptions of uniform stress
state and incompressibility. Our mechanical testing setup is intended to provide the most uniform
stress state possible, but there may be some uneven distributions that limit this aspect of the
assumption. Moreover, the assumption of incompressibility is inexact, as the lung contains solid
and gas components, which have a high probability of being compressible. Considering that our
test procedure does not actively track the changing cross-sectional area it is necessary to use some
form of conversion to achieve true stress, as this method was used in our previous publication [23].
The interpolation method described uses a linear interpolation process, which slightly overestimates
the interpolated values given that our curves are concave upward. Future studies will explore the
incorporation of Newton-Raphson methodology to alleviate this limitation.
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Appendix
Formulas for Stress-Strain Calculations
1. ɐ ൌ 
2. ɂ ൌ
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Formulas for Shape Descriptors Used in Particle Analysis
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Collagen Fibrils in Skin Orient in the Direction of Applied
Uniaxial Load in Proportion to Stress while Exhibiting
Differential Strains around Hair Follicles
Sterling Nesbitt, Wentzell Scott, James Macione and Shiva Kotha
Abstract: We determined inhomogeneity of strains around discontinuities as well as changes in
orientation of collagen fibrils under applied load in skin. Second Harmonic Generation (SHG) images of
collagen fibrils were obtained at different strain magnitudes. Changes in collagen orientation were
analyzed using Fast Fourier Transforms (FFT) while strain inhomogeneity was determined at
different distances from hair follicles using Digital Image Correlation (DIC). A parameter, defined as
the Collagen Orientation Index (COI), is introduced that accounts for the increasingly ellipsoidal
nature of the FFT amplitude images upon loading. We show that the COI demonstrates two distinct
mechanical regimes, one at low strains (0%, 2.5%, 5% strain) in which randomly oriented collagen
fibrils align in the direction of applied deformation. In the second regime, beginning at 5% strain,
collagen fibrils elongate in response to applied deformation. Furthermore, the COI is also found to be
linearly correlated with the applied stress indicating that collagen fibrils orient to take the applied
load. DIC results indicated that major principal strains were found to increase with increased load at
all locations. In contrast, minimum principal strain was dependent on distance from hair follicles.
These findings are significant because global and local changes in collagen deformations are
expected to be changed by disease, and could affect stem cell populations surrounding hair follicles,
including mesenchymal stem cells within the outer root sheath.
Reprinted from Materials. Cite as: Nesbitt, S.; Scott, W.; Macione, J.; Kotha, S. Collagen Fibrils in
Skin Orient in the Direction of Applied Uniaxial Load in Proportion to Stress while Exhibiting
Differential Strains around Hair Follicles. Materials 2015, 8, 1841-1857.
1. Introduction
The biomechanics of skin is complex, typically demonstrating three deformation regimes in response
to stress (Figure 1). Initially, the collagen is oriented in a random pattern (Figure 1a) [1]. While the
collagen fibrils are in this random pattern, it orients readily to the applied load, hence demonstrating
low elastic modulus [1,2]. Within this region, the elastic behavior of skin is not determined by collagen,
but rather, an elastin mesh [1]. As the skin is stretched further, the collagen fibrils straighten and realign
parallel to one another, thus, requiring more load to induce further elongation (Figure 1b) [1–3]. This
process can continue until the fibrils are mostly aligned in the direction of the applied load (Figure 1b).
Subsequently, failure occurs as fibrils begin to slide past one other, or by a multitude of other
mechanisms (Figure 1c).

17

Figure 1. The stress-strain relationship of the skin is associated with collagen
orientation. (a) The collagen fibrils are randomly aligned and readily orient with the
application of small amounts of stress (low elastic modulus); (b) The collagen fibrils
begin to straighten and gradually align in the direction of the applied stress. At the
end, almost all collagen fibrils are aligned in the direction of loading; (c) Damage
begins to accumulate due to sliding of fibrils past one other, among many other
mechanisms. Figure adapted from Brinckmann [1] and Daly [3].
To determine the mechanical behavior of skin, most studies have used the initial orientation of
skin collagen fibrils. The initial orientations of the collagen fibrils were obtained by histological
analysis of excised skin. Upon application of load, the orientation of collagen fibrils is assumed
to change, leading to increased load bearing by collagen fibrils. However, the change in collagen
fibril orientation under different stress magnitudes has yet to be characterized experimentally.
Experimental characterization of collagen fibrillar orientation is now possible, because of advances in
multiphoton microscopy and because collagen fibrils emit second harmonic generation (SHG) due to
their inherent non-centrosymmetry [4]. Within the last few years, the periodic structure of collagen
fibrils in skin has been analyzed using fast fourier transforms (FFT) of SHG images. The amplitude
component in the FFT of SHG images indicates the frequency of spacing between collagen fibrils.
This parameter has been demonstrated as a diagnostic potential for medical disorders, including,
distinguishing between healthy and diseased dermis [5–7], evaluating skin cancer [8], accessing
photoaging [9], and scarring [10], among a diverse array of other applications.
Mechanical loading may contribute towards skin biomechanical behavior by regulating stem cells
residing around hair follicles, including mesenchymal stem cells in the outer root sheath [11,12].
Therefore, an understanding of the deformation of collagen fibrils around these discontinuities could
lead to an understanding of how the skin cells regulate its collagen content, as a means to achieve
a desired mechanical environment, as well as during tissue regeneration. Strains in and adjacent to
discontinuities have been investigated using digital image correlation (DIC) [13,14]. DIC has been
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used to determine inhomogeneity of strains on the surface of soft [15,16] and inside hard tissues [17],
but, strains in tissues with pigmentation, such as skin, have not been evaluated.
The goal of this paper is to determine the stress-collagen fibril orientation relationship by utilizing
the symmetry of the FFT of SHG images. A further goal of this manuscript is to determine the
inhomogeneity of strains, especially, as it relates to the presence of discontinuities, such as hair
follicles. Since the deformation of collagen fibrils is primarily responsible for soft tissue deformation
and subsequent mechanobiological response, and since collagen fibril orientation at various depths
can be measured non-invasively, this has the potential to add to our understanding of its contribution
in various disease states.
2. Results and Discussion
2.1. FFT Analysis of Global Deformation
Skin stretching causes collagen fibrils to change orientation towards the direction of applied load
(Figure 2a). SHG images of skin taken at low strain (0%, 2.5% strain) indicate that the collagen
fibrils (white lines) appear to be coiled and wavy. At 5% and 10% applied strain, the collagen fibrils
appear more organized along the axis in which the strain is applied and some of the waviness disappears.
At the largest strain (15%), the collagen fibrils appear aligned along the axis of induced strain.
The shape of each FFT (Figure 2b) can be visually compared to the spatial frequency of the
collagen fibrils (Figure 2a). Note that the arrows indicate the direction of applied load (direction of
arrows is different in Figure 2a,b). As strain increases, the collagen fibrils orient along the direction
of applied load and become more densely packed, i.e., periodicity decreases, in the perpendicular
direction. As a result, there is an increase in the higher frequency components in the FFT amplitude
images perpendicular to the direction of applied load (Figure 2b). Thus, the FFT images appear to
become more ellipsoidal, which is characterized by a parameter termed COI (Equation (2)–see Methods).
Applied strains, stresses and COI were compared to one other. ANOVA followed by Tukey
post-hoc analysis, was performed using R (R 3.01, http://www.r-project.org/). Analysis of COI vs.
strain relationships (Figure 3a) indicated that the COI’s at 0% and 2.5% are different from COI’s at
10% and 15% (p < 0.05 and power > 0.8). Also, the COI at 5% were found to be different from COI’s
at 15% (p < 0.05 and power > 0.8). The COI is observed to be non-linear with respect to applied
strain, with two distinct regimes observed above and below the 5% strain threshold, that were fit
linearly (Figure 3a). At less than 5% strain, there is a slope of approximately 0.0066 (first regime,
R2 = 0.9557), which, at greater than 5% strain, increases to 0.0159 (second regime, R2 = 0.9973), an
increase of 2.4 times (p < 0.05, power > 0.8). Analysis of the stress vs. strain relationship (Figure 3b)
indicated that stresses at 0% and 2% were different from stresses at 10% and 15%. The stress is also
observed to be non-linear with respect to strain (Figure 3b), exhibiting two distinct regimes,
occurring below and above 5% strain. A linear regression performed on both regions, R2 = 0.9438
and 0.9994 below and above 5% strain, respectively; indicates that the slopes increases by 2.5 times
from 0.0142 to 0.0351 (p < 0.05, power > 0.8). Analysis of the COI vs. stress relationship (Figure 3c)
indicated that the COI’s at low stresses (that correspond to strains of 0%, 2.5% and 5%) were
different from COI’s at higher stresses (that correspond to strains of 10% and the 15%) (p < 0.05,
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power > 0.8). Moreover, COI’s at stress that corresponds to 10% strain was different from the stress
that corresponds to 15% strain (p < 0.05, power > 0.8). In contrast to the non-linear relationship
observed between stress vs. strain and COI vs. strain, the COI and applied stress relationship (Figure 3c)
demonstrates a strong linear relationship between the orientation of collagen and the strain being
applied to the skin (R2 = 0.9969).

Figure 2. Representative Second Harmonic Generation (SHG) images and the respective
fast Fourier transforms (FFT) for a random sample. (a) SHG images of skin at different
strain magnitudes. Strain was applied at 45° to the x-y scans. Each image is single frame
from a 70–100 z-stack images obtained at each strain level. As the strain increases,
a greater number of fibrils align in that direction; (b) FFT amplitude images reoriented
in the direction of applied strain (horizontal direction). Arrows indicate the direction of
applied strain.
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Figure 3. The collagen orientation index (COI) and stress plotted as functions of induced
strain. (a) The COI plotted as a function of induced strain. Linear regression is performed
on two different regions above and below 5% strain; (b) Stress vs. strain demonstrates
similar properties to COI vs. strain; (c) Stress (used to induce strain) vs. COI demonstrates
high correlation. Error bars indicate standard deviation and n = 4. Similar letters indicate
that the groups are statistically similar. The symbol * indicates power > 0.8.
2.2. DIC Analysis of Local Deformation by Strain Maps
To determine inhomogeneity of local strains, strains in three regions were investigated based on
distance from the hair follicle, namely, region with primarily collagenous matrix, region surrounding
the hair follicle, and a thin region immediately adjacent to the hair follicle (labeled as regions A, B,
and C in Figure 4).
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Figure 4. Maximum and minimal principal strains were averaged over three different
regions; collagen matrix region (white box denoted by A), surrounding hair follicle
collagen (black box denoted by B), and hair follicle collagen, (which is the area covered
by the white ellipse C). The direction of applied deformation is indicated in the upper left
hand corner.

Figure 5. Maximum principal strain maps for matrix region (A) and hair follicle region
(B). Percent strain is given as the difference between images as indicated. Strain direction
is indicated in the upper left corner.
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Maximum principal strain was found to be positive over all collagen regions (Figure 5 and
supplementary Figure S1). Figure 5 shows maximum principal strains scaled to the color map on the
right for percent strain. The color map is then overlaid onto gray scale SHG images to show underlying
structure of collagen fibrils as a function of stretch. Averaged strain values (Figure 6) are lower than
the overall applied strain, which was determined from the separation between grips as measured
using a Vernier caliper. This is expected as there are typically higher strain values immediately
around the grips, making strain levels in the center of the sample lower. It was found that maximum
principal strain increased for all three areas (collagen matrix, collagen surrounding the hair follicle,
and hair follicle) with respect to increasing applied strain, as determined by linear regression
(p < 0.001). Results from ANOVA indicated that there was also no interaction between applied strain
and location (p = 0.93).

Figure 6. Maximum principal strains averaged over the three regions indicated 4, versus
applied strain. All three regions of collagen (i.e., hair follicle, surrounding hair follicle,
and matrix) increase with applied strain (p < 0.001). There is no statistical significance
between locations. Error bars represent ±1 Standard deviation.
There was some non-linearity in averaged strains in the 10%–15% strain regime. This difference
may be because of relative slippage of fibrils in skin as it was stretched beyond 10% strains, as
observed in the change in direction of principal strains at some locations (Figure S1, bottom left).

23
Minimum principal strains were generally negative (Figure 7), as would be expected because of
the Poisson’s ratio effect, perpendicular to the direction of stretch. In contrast to maximum principal
strains, minimum principal strains were affected by the collagen’s location, i.e., proximity with
respect to hair follicles (p = 0.02). Minimum principal strains in predominantly collagen rich regions
(Figure 8) consistently become more negative with higher applied strains of up to 5%, and only
gradually increased thereafter (Figure 8). Averaged minimum principal strains determined from
collagen fibril deformation surrounding the hair follicle were slightly negative, whereas, they were
slightly positive in the hair follicle region. This indicates that the hair follicles are expanding in the
direction perpendicular to applied strain. Minimum principal strain was shown to only be significantly
different between the hair follicle and collagen matrix regions (p <0.01), and moderately different
between surrounding hair follicle and collagen matrix regions (p = 0.10). Furthermore, minimum
principal strains at all three locations were independent of applied strain (p = 0.60).

Figure 7. Minimum principal strain maps for matrix region (A) and hair follicle
region (B). Percent strain is given as the difference between images as indicated. Strain
direction is indicated in the upper left corner.
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Figure 8. Averaged minimum principal strain, as measured by DIC, versus applied
strain. There was a statistically significant difference (p = 0.02) between the different
locations. Minimum principal strains immediately surrounding the hair follicle were
positive, indicating an expansion of collagen in this zone. In contrast, minimum principal
strains in primarily collagenous zones were negative, indicating a Poisson’s effect. Error
bars represent ±1 Standard deviation.
2.3. Analysis and Limitations
Reorientation of collagen fibrils was assessed by FFT of SHG images under different strain
magnitudes (global changes) while the inhomogeneity of strains were determined from DIC of SHG
images (local changes). SHG images were obtained after complete stress relaxation had occurred. As
the skin is stretched, collagen fibrils re-orient towards the direction of applied strain (Figure 2a). This
change in fibril orientation leads to a change in the shape of the FFT (Figure 2b) which is quantified
with the COI (Figure 3a). The COI demonstrates two regions of skin stretching, when the collagen
starts to reorient (0%, 2.5%, and 5% strain) and when the collagen fibrils start to elongate (5%, 10%,
and 15% strain). These two regions compare well with the known stress-strain analysis of skin
(Figure 1) and also with the measured stress-strain relationship (Figure 3b). In contrast to the two
linear regions observed for the COI-strain and stress-strain relationships, there is only one linear
relationship for the stress vs. COI for the strain ranges investigated (Figure 3c). This indicates that the
proportion of collagen fibrils re-orienting is proportional to the applied load.
DIC of SHG images allowed us to measure the maximum and minimum principal strain based
on deformation of collagen fibrils, especially in proximity to discontinuities such as hair follicles.
It was found that maximum principal strain was highly affected by applied uniaxial strain and was
unchanged by the presence of discontinuities. Minimum principal strain was affected by the location
of the collagen matrix with respect to the discontinuity (i.e., the hair follicle). Minimum principal
strain in the predominantly collagen matrix region (region A in Figure 4) demonstrated that the
collagen fibrils are closer in the direction perpendicular to direction in which it was stretched
(Poisson’s effect). However, collagen surrounding hair follicles exhibited slightly negative
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minimum principal strains and collagen in the hair follicle region has a positive minimal principal
strain, indicating it is expanding in the direction perpendicular to the direction of stretching. This has
important implications for the mechanobiological response of skin, because of the presence of stem
cells in the hair follicle region.
Most studies of tissues that have utilized SHG to evaluate changes in organization to collagen
fibrils have evaluated damage or changes to the collagen fibrils after applying loading of different
types, typically, after inducing some type of damage—not, when the tissue is being subjected to
mechanical loading [18–21]`. Recent studies have begun to characterize changes in orientations of
bundles of collagen fibrils in soft tissues (e.g., heart valves) in response to external load, by
measuring 3-D changes in angle of bundles of collagen fibrils using a fit to the FFT of the SHG
images [22]. One angle was used to characterize the averaged orientation of the fibrils in a 2-D plane,
which is equivalent to the use of the major axis of the ellipsoid, in this study. As this axis does not
change orientation during loading, we used changes in the ratio of the two axes (defined as COI) to
characterize soft tissue mechanical behavior. It is noted that there are minimal confounding effects
when studying the heart valve (e.g., there is no hair, or pigmentation).
In complex tissue such as skin, experimental studies of skin deformation are mostly limited
to measurements of homogenized deformation measurements on skin surfaces [23] or to evaluation
of deformation after removing layers [24]. It is noted that studies have been performed using
small-angle x-ray scattering (SAXS) to relate collagen orientation to tear strength, but, not to
changes in orientation while loading of skin [25,26]. As a result, the mechanical contribution of
collagen fibrils in skin while it is undergoing loading has been mostly studied using computational
and analytical models [27–30]. In these models, almost the entire load bearing capacity of skin was
ascribed to the behavior of collagen fibrils under load. In these models, and as observed in our
experiments, collagen fibrils change orientation at low loads and they are more densely packed at high
loads (in the direction perpendicular to loading).
These studies are important because determining local and global changes to the main load
bearing constituent of skin (i.e., collagen fibrils), can provide an enhanced understanding of the
mechanobiological responses of soft tissues [22], and for regeneration of soft tissues [31]. This
technique could potentially provide earlier detection of disease or improve the robustness of the
phenotypes detected using SHG techniques which can currently provide gross pathological changes,
but, are relatively insensitive to subtle and progressive pathological changes to the dermis [5–7,9,32], for
example, through changes in the slope of the COI-stress relationship or in the local strains around
structures where stem cells may be present.
One major limitation of our study is that load bearing at the individual collagen fibril scale was
not assessed. Complementary studies using polarization resolved SHG to evaluate anisotropy factor
during loading [33] may enable one to relate changes in the network to those at the individual fibril.
Another limitation of this experiment is that SHG was performed at 5 discrete strains levels and
loading was limited to strains of 15%. The duration of imaging at each strain (30 min for stress
relaxation, and 30 min to obtain 100 z-stacks) means that it took over 6 h (including microscope
start-up time) to image one sample. These long time-periods precluded us from obtaining SHG
images at intermediate strain values. Strain values were limited to 15% in order to ensure that
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damage induced movement of collagen fibrils were not occurring during loading (zone III in Figure 1).
Movement of collagen fibrils during imaging causes motion artifacts that would have caused
distortions in the FFT patterns (as was observed in some of the samples that were loaded in this
study). Another limitation was that z-direction strains were not accounted for. We used 3-D FFT to
determine the three axes of the ellipsoid, but, differences were not found in the third dimension. Note
that the third axis was extremely truncated as there were only 30 pixels in that direction as opposed to
2048 × 2048 pixels in the X-Y axis. Furthermore, qualitatively, most of the fiber re-orientation was
observed to take place along the long-axis. Another limitation was that the bi-axial behavior of skin
was not measured, primarily because of the time required to conduct imaging. Another limitation is
that images were obtained half an hour after stretching, a time-scale over which relaxation was
complete, which would amplify the changes in orientation. Newer techniques, which can enable
imaging of collagen fibril deformation quasi-static loading [34], might provide a more complete
description of the physiological contribution of collagen fibrils to mechanical loading. A final
limitation is that only a small region of the skin was assessed in few samples, and the results may not
be representative.
3. Experimental Section
3.1. Sample Preparation
Skin was excised from nearly identical locations (the mid-central portion of the backs) of female,
TOPGAL mice (roughly C57B6 background) of approximately 3 months of age. Before excision,
the skin was shaved rigorously to remove hair, in order to remove spurious motion artifacts related
to motion of hair, when stretching the skin. Each specimen was made into a strip that was approximately
10 mm × 50 mm and stored in tris-buffered saline (TBS) containing 0.05 wt% sodium azide.
All experiments were performed within a week of excision. Individual specimens were about
2 mm thick, inclusive of the fat pad. Loading was performed in excised skin oriented along the
cranial-caudal direction.
3.2. Imaging
Imaging was conducted using a Carl Zeiss LSM 5 multiphoton and confocal microscope in
reflection mode consisting of a Zeiss Axioskop 2 FS upright scope, with a mode locked Ti:Sapphire
laser (Chameleon Ultra II pulsed laser, Coherent Inc., Santa Clara, CA, USA) operating at 80 MHz
and 0.7 W (20% of a full-scale average output power of 3.5 W). The incident laser wavelength was
800 nm, which was low-pass filtered at 680 nm, allowing second harmonics to pass. The reflected
second harmonic was band-pass filtered (405/30 nm; Chroma) and intensity detected using an NDD
PMT detector at 12-bit resolution and a gain setting of 346. Image stacks were obtained by scanning
parallel to the skin surface using a Zeiss 20× water immersion objective (Zeiss W Plan Apo with
1.0 NA and WD of 1.8 mm). A stack of 70–100 images were obtained separated by 1 ȝm along the
z-axis. Each image was 2048 × 2048 pixels, with a 0.5 m/pixel resolution in the x-y plane. In these
images, only a set of roughly 30 images contained SHG signal. The relevant 30 image stacks were
isolated at each level of strain (0%, 2.5%, 5%, 10%, 15% strain) for 4 different samples. Note that
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multiple skin samples were imaged (n = 7) but, because of sample movement during an imaging
period of 30 min per strain level, data at all strain values were obtained for only 4 samples (in
30 z-stack images) for FFT and in only 3 samples for DIC. So, only these samples were analyzed.
3.3. Stretching
In order to preserve the elastic properties of skin, it was kept wet using a tris-buffered saline drip
throughout the imaging procedure. To generate controlled strain in the skin, the sample was placed
between two grips which were below the microscope objective (Figure 9). Both ends of the grips
were connected to a stepper motor through a gearing mechanism, which was able to generate
displacements with a resolution of 0.5 m. To insure that samples did not slip at the grips, grips were
designed with pins and clamped. The initial distance between grips was 40 mm as measured by a
caliper (0.01 mm resolution) and strain was applied to the samples by displacing the stepper motor
through defined distances at a rate of 0.5 mm/min. After each level of strain was applied, the skin was
given 30 min to relax. Note that if the collagen fibrils in the samples moved during an imaging period
of 30 min, it was immediately discernible in the images. During this time, the stage was moved under
the objective in order to obtain images from similar locations. Strains were applied in incremental
order, starting with 0% and working to 15% strain (0%, 2.5%, 5%, 10%, 15%). The force generated
was recorded with a 22.2 N load cell with a customized amplifier with ±0.05 N resolution [35]. The
force at the end of 30 min of relaxation was used in stress calculations. Loads and displacements
were recorded at 10 Hz. It is noted that the direction of loading was at 45° to the x-y scans performed
by the servo motors on the objective as verified using images from the top of the sample stage.

Figure 9. Schematic of a loading machine used to generate stress on the skin sample
was made which allowed the skin to be stretched while under the objective of the
multi-photon microscope.
3.4. Fourier Transform Power Spectra Analysis (FFT)
Each image stack (di(x,y)), which represents a set of 30 relevant images though the skin at a
particular strain value, was imported into MATLAB for processing. Images were smoothed by filtering
with a 9 × 9 array of ones to reduce high frequency noise in the FFT images. The 2-dimensional FFT
of each image in the stack was shifted (fftshift) to move its low frequency components to the center
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of each image. The absolute value and then log of FFT was taken to reduce the dynamic range. The
resultant sets of log compressed frequency transformed images were averaged into a two dimensional
array, which can be expressed as the following:


ͳ
ܶܨܨ̴ܫǡ ൌ ሾଵ ሺܾܽݏȁʹܶܨܨሺ݀ ሺݔǡ ݕሻሻȁሻሿ
݊

(1)

ୀଵ

This averaging scheme is viable because the collagen fibrils in murine skin form a layered mesh
network which oriented in the direction of applied load. As the x-y scans were performed at 45° to
the loading axis, the FFT images were then reoriented by rotation to align with the axis of applied
strain (the resulting FFT image is shown in Figure 10a). The symmetry of the frequency response
(FFT) was evaluated by determining the length of two profiles across and normal to the axis of
applied strain [7,9,10,36,37]. Different thresholds were chosen to determine the long- and short- axis
of the ellipsoid in the FFT amplitude images. It is noted that results were not affected when using
other thresholds, í3 dB to í8 dB values. Therefore, results are presented for the í6 dB value (which
is full-width at half maximum or FWHM), as it is halfway between the maximum and background, in
other words (maximum + background)/2 (Figure 10b). The FWHM was determined as the sum of
pixels from the center of the image to the first point which was below the FWHM value (on each
side) as shown in Figure 10b.

(a)

(b)

Figure 10. Measuring the short and long profiles (a) A FFT of an image of skin in which
the lowest frequencies have been shifted to the center of the image. Two profiles (short
and long) can be defined with respect to the induced strain; (b) When the short profile is
examined, the FWHM (or –6 dB length) is a pixel distance between values which are half
the amplitude between the maximum and background.
The FWHM lengths (short and long) across each of the dimensions would be used to compute the
collagen orientation index (COI) [7,9,10,36]. The COI has been used to demonstrate the periodicity
of collagen fibrils along and perpendicular to the direction of loading. The COI has been defined as,
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COI = 1 í (short profile/long profile)

(2)

Thus, a tissue with random collagen orientation would have a COI of 0. As collagen micro-fibrils
orient along the direction of applied load, they are squeezed in the perpendicular direction. In the
FFT amplitude images, this change in periodicity is identified by increases in the frequency
component perpendicular to the direction of applied load. Therefore, the long profile, which is
perpendicular to the applied load, is expected to increase, resulting in increasing COI values. The
short profile is expected to remain constant and serves as a normalizing parameter.
3.5. Digital Image Correlation (DIC)
DIC was performed to find maximum and minimum principal strain every twenty pixels apart and
for 32 × 32 iterations along the x- and y-planes [17]. DIC created data sets consist of displacement
(V and U), strain (VX and UY), and shear (VY and UX) values obtained every twenty pixels
apart using a 100 × 100 pixel window. For each set of images, two DIC displacement data sets
(32 × 32 iterations in the X- and Y- axis) were obtained based on proximity to hair follicles. The
displacements, U and V, were corrected for rotation and filtered, following which they were
interpolated to the size of the image (601 × 601 pixels). Strain values were determined using a
Savitsky-Golay filter, from which maximum and minimum principal strains were calculated.
Principal strain values were then averaged over three different areas of the image; the collagen
matrix far away from hair follicles (601 × 601 pixels or 300 × 300 m2 this conversion needs to be
modified), the hair follicle (601 × 601 pixels), and the collagen immediately surrounding the hair
follicle (10 pixels or 5 m—adjacent to the hair follicle, where the collagen was found to be oriented
along its perimeter) (Figure 6).
DIC was conducted between images that were close in applied strain (i.e., between 0% and 2.5%,
between 2.5% and 5%, etc.) resulting in 4 deformation maps for each sample. These averages were
then summed such that all strain values are referenced from 0% strain (Equation (3)).
İ 0%ĺ2.5% = İ 0%ĺ2.5%
İ 0%ĺ5% = İ 0%ĺ2.5% + İ 2.5%ĺ5%
İ 0%ĺ10% = İ 0%ĺ2.5% + İ 2.5%ĺ5% + İ 5%ĺ10%
İ 0%ĺ15% = İ 0%ĺ2.5% + İ 2.5%ĺ5% + İ 5%ĺ10% + İ 10%ĺ15%

(3)

3.6. Statistics
DIC was performed to determine collagen fibril deformation adjacent to and far away from hair
follicles. The images were divided into regions where hair follicles were absent (shown as white box
in Figure 6), where hair follicles were present (shown as black box), and immediately next to the hair
follicle (10 pixels along hair follicle perimeter–shown as white thick outline).
Two-way ANOVA was performed followed by Tukey’s significant difference test. Applied strain
and the region of collagen were the independent variables, while averaged maximum and minimum
principal strain values for skin collagen were the dependent variables. Mice were considered to come
from the same population and were binned along with the dependent variables.
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4. Conclusions
Analysis of SHG images of murine skin to discern local and global changes indicates that
minimum principal strains are not-homogenous (especially being positive around hair follicles) as
well as that closer packing of collagen fibrils perpendicular to the loading direction is correlated to
stress. The global change is collagen fibril orientation with applied load is captured by the collagen
orientation index (COI), which is a measure of the ratio of the FFT in the periodicity in the collagen
fibrils along and perpendicular to the direction of applied load. The COI-strain and stress-strain
relationships exhibit bi-linear behavior while the COI-stress relationship was linear over the range of
strains studied. This data combined with previous computational models suggests that collagen
fibrils in skin are primarily responsible in contributing to its mechanical behavior. Further studies are
necessary to determine whether parameters, such as COI and strain inhomogeneity, can be used for
sensitive detection of changes to the extracellular matrix as a consequence of disease.
Supplementary Materials
Supplementary materials can be accessed at: http://www.mdpi.com/1996-1944/8/4/1841/s1.
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Evaluation of Biaxial Mechanical Properties of Aortic Media
Based on the Lamellar Microstructure
Hadi Taghizadeh, Mohammad Tafazzoli-Shadpour, Mohammad B. Shadmehr and
Nasser Fatouraee
Abstract: Evaluation of the mechanical properties of arterial wall components is necessary
for establishing a precise mechanical model applicable in various physiological and pathological
conditions, such as remodeling. In this contribution, a new approach for the evaluation of the
mechanical properties of aortic media accounting for the lamellar structure is proposed. We assumed
aortic media to be composed of two sets of concentric layers, namely sheets of elastin (Layer I) and
interstitial layers composed of mostly collagen bundles, fine elastic fibers and smooth muscle cells
(Layer II). Biaxial mechanical tests were carried out on human thoracic aortic samples, and
histological staining was performed to distinguish wall lamellae for determining the dimensions of
the layers. A neo-Hookean strain energy function (SEF) for Layer I and a four-parameter exponential
SEF for Layer II were allocated. Nonlinear regression was used to find the material parameters of the
proposed microstructural model based on experimental data. The non-linear behavior of media layers
confirmed the higher contribution of elastic tissue in lower strains and the gradual engagement of
collagen fibers. The resulting model determines the nonlinear anisotropic behavior of aortic media
through the lamellar microstructure and can be assistive in the study of wall remodeling due to
alterations in lamellar structure during pathological conditions and aging.
Reprinted from Materials. Cite as: Taghizadeh, H.; Tafazzoli-Shadpour, M.; Shadmehr, M.B.;
Fatouraee, N. Evaluation of Biaxial Mechanical Properties of Aortic Media Based on the Lamellar
Microstructure. Materials 2015, 8, 302-316.
1. Introduction
The arterial wall is functionally and structurally a complicated tissue. Successful biomechanical
investigations of the aortic wall go back to only recent decades due to these complications [1].
The significance of such studies becomes multifold considering that pathological conditions of the
cardiovascular system, such as coronary heart disease and hypertension, are among the leading
causes of world mortality [2].
Since the mechanical properties of soft biological tissues highly depend on their microstructure,
proposing a reliable mechanical model for these tissues, including the arterial wall, depends on the
level of microstructure integration attained in the constitutive model. The early proposed models
assumed the arterial wall to be a single continuous medium and suggested different forms of the
strain energy function (SEF) to characterize its mechanical behavior [3,4]. These models contributed
by providing primary insights into the mechanical features of arteries, but more realistic models with
a focus on the microstructure were vital to fully understand the mechanisms involved in the
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mechanical behavior of arteries. As a consequence, a new category of arterial tissue models, called
“microstructural models”, was adopted.
Microstructural modeling led to significant refinements, particularly in cardiovascular tissue
modeling and recognizing how physiological and pathological states affect the state of arterial
tissue [5,6]. In the case of the arterial wall, such models are classified into two categories.
In the first category, arterial tissue is regarded to be composed of three main layers, i.e., intima,
media and adventitia [7,8]. The second category incorporates proposing different SEFs for the main
wall fibrous constituents, such as elastin and collagen [9,10]. Since the mechanical behavior of the
arterial wall highly depends on its fibrous lamellar structure, multiscale models have been recruited
to relate the microstructural features of the arterial wall to its bulk mechanical behavior [11,12].
Homogenization techniques used in a multiscale approach are a powerful tool in modeling complex
microstructures, such as collagen bundles and crosslinks within the arterial wall [13]. It is believed
that elastic tissue contributes dominantly at low strains, while at higher strain ranges, collagen fibers
become gradually engaged and their contribution ascends [14]. Although the active behavior of
smooth muscle cells (SMCs) also contributes to the mechanical response of the tissue [15], their
passive mechanical properties are negligible compared to those of elastin and collagen [16]. Since
collagen fibers are three orders of magnitude stiffer than elastin [17], uncrimping of collagen fibers
drastically stiffens the mechanical response of the tissue, leading to a nonlinear incremental
stress-strain relationship for the entire tissue.
It is well known that the mechanical behavior of the arterial wall depends mainly on its
composite-like lamellar structure and the mechanical properties of the media [18–20]. However,
it should be noted that in supraphysiological loads, adventitia also contributes to the mechanical
behavior of the arterial wall [5,14]. The lamellar organization of the media and its main building
fractions have been delineated previously [21–23]. Wolinski and Glagov first uncovered the
well-organized lamellar structure of arteries among different mammalian species. They observed
alternating dark and light layers in stained slides of media and named them the “lamellar unit” of the
media. The relationship between the numbers of these lamellar units (from six units in rat to 70 units
in pig) and the physiologic pressure for the examined species revealed almost an equal force
per lamellar unit among mammalian species [18]. Dingemans et al. provided a neat schematic
representation of the lamellar unit of aortic media and depicted the organization of the extracellular
matrix and the connection to smooth muscle cells (SMCs) [22]. O’Connel et al. provided a 3D
schematic of the structure combining confocal and electron microscopy imaging, in which elastin
sheets as elastic lamellae were distinguished from stiffer layers of collagen bundles and fine elastic
fibers accompanied by SMCs [24]. Concentric elastin sheets are almost identical in terms of the
thickness and also possess a nearly isotropic composition [18,25]. Within the interlamellar space,
SMCs are located as the main organic constituent of media, with collagen and fine elastic fibers
running between SMCs [22,24].
The incorporation of the histological and structural data of the arterial wall into mechanical
models is crucial to inspect ongoing changes of the tissue from the healthy to diseased state, such as
hypertension and also age-related wall remodeling. In this way, the material parameters of the model
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can be better correlated with the physical features of the tissue, and the alterations in these
parameters define the respective alterations in the mechanics of the tissue.
Combining mechanical and histological data, it is convenient to inspect how the microstructure
contributes to the mechanical characteristics of the wall among major arteries. Hence, the wall media
can be considered as two sets of contiguous and concentric lamellae: sheets of elastin (Layer I) and
interstitial layers consisting of collagen bundles and fine elastic fibers containing SMCs (Layer II).
To the best of our knowledge, the mechanical analysis of the lamellar structure of the media and
its contribution to the whole wall mechanics have not been considered before; as a result, we have
proposed a new approach to integrate the microstructure of the aortic media in a mechanical model.
In our study, the pair of Layers I and II defines the “lamellar unit” of the media. Approximately
60 lamellar units form the aortic media in the thoracic region of an adult human aorta [18,23].
Utilizing biaxial mechanical data and geometric measurements of stained tissue rings, the material
parameters of the proposed microstructural model are calculated, and the contributions of Layers I
and II to the overall mechanical behavior of the media are explored.
2. Materials and Methods
2.1. Surgical Procedures
In the thoracic region of the descending aorta, the diameter changes are minimal, and the
microstructural parameters, including the thickness and number of lamellae, do not vary notably.
Hence, samples of human descending thoracic aorta were used. Arterial samples were provided from
brain-dead patients after organ donation according to the Ethical Committee instructions of Masih
Daneshvari Hospital, the main site of organ donation and transplantation in Iran. Aortic samples
from three male donors, aged 25 (M25), 28 (M28) and 42 (M42) years, were used with special
attention to the medical history of the donors. None of the subjects had shown a cardiovascular
disorder and disease background. This is of particular relevance, since the mechanical properties
of mature and healthy aortic media are addressed. Tubes of 5–6 cm in length were cut just above the
diaphragm in the descending region of the aorta. Small branches were cropped carefully to achieve
undamaged and intact tissues (Figure 1a). Sections from these samples were prepared for biaxial tests,
and some adjacent blocks were extracted for histological staining.
2.2. Tissue Preparation
Aortic samples were preserved in phosphate-buffered saline (PBS) immediately after harvest and
transferred to our lab. Before tests, the adventitial and loose connective tissues were carefully
removed using a surgical scalpel (Figure 1). The remaining media-intima was submerged in PBS
and then refrigerated at 4 °C for the test, preferably within the same day. Prior to tests, samples were
allowed to reach room temperature.
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Figure 1. (a) Removal of adventitial tissue; (b) resulting intima-media composite and
loose adventitial layer.
Cylinders with a height of 11 mm were cut, and 11 mm × 11 mm squares were extracted for biaxial
tests. Simultaneously, adjacent rings of 2–3 mm in height were cut to be used in histological staining.
2.3. Biaxial Testing
Biaxial testing of soft biological tissues is difficult, yet necessary, to fully comprehend the
mechanical characteristics due to the complex microstructure and resulting anisotropic nature of the
tissue. Such tests require a precise experimental setup, including the testing machine and attachment
of the tissue to the jaws of the testing apparatus. Some researchers used uniaxial test data to
characterize the mechanical properties [20,26]; others utilized a variety of biaxial tests, including
planar biaxial tests [27] or extension-inflation tests [8]. In the present study, we carried out planar
biaxial tests using a custom-made biaxial test apparatus consisting of four stepping motors to stretch
the samples, while two load-cells recorded the load magnitude during extensions (Figure 2a). We
used hooks to mount samples to the test machine. Such attachments are crucial to avoid unwanted
stress concentrations. To record displacements, four markers were used on the central part of the
square specimens, and a CCD camera was used to track the marker coordinates during the tests. The
tissue thickness was measured several times with a caliper, and the average thickness was used in
subsequent stress calculations. Considering homogeneous strain in the central region of the specimen,
the resulting force-displacement data for both of the test axes were converted to second Piola stress
and Green–Lagrange strain. The details of these conversions are provided in subsequent sections.
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Figure 2. (a) A schematic of the sample under biaxial stretch; (b) Stained aortic media.
Dark regions in this tissue section denote elastic fibers (Layer I), and light colored
regions denote interlamellar zones, including collagen bundles, fine elastic fibers and
smooth muscle cells (SMCs) (Layer II); (c) Volume fraction computation steps,
including radial strip extraction, conversion to black and white and, finally, counting the
number of pixels of the dark (Layer I) and light (Layer II) areas, as well as finding their
proportion regarding the total number of pixels.
2.4. Histological Staining
In addition to biaxial test data, microstructural information, including dimensions and volume
fractions of lamellae, is required in constitutive modeling. The volume fraction of each type of layer
is based on the overall non-liquid phase, which contributes to the mechanical properties of the whole
structure. These features were extracted by histological staining of extracted samples from human
aorta. Sliced rings of aortic samples were first fixed in formalin, then paraffin-embedded and, finally,
cut into micron-height tubes using a microtome [27]. The resulting slices were stained and
investigated under light microscopy (Figure 2b). We used Verhoeff Van-Gieson (VVG) to stain
elastin sheets (Layer I) to be distinguished from adjacent layers [27]. After staining, slides were
photographed under a microscope, and the resultant images were processed by a MATLAB code to
find the volume fractions. To do so, images were converted to black and white, and after removal of
the artifacts, the percentage of the black (Layer I) and white (Layer II) zones were computed as the
volume fractions. To minimize location dependency, we measured and averaged the volume fraction
into six equally apart radial sites. Representative volume fraction computation steps are depicted in
Figure 2c.
2.5. Constitutive Equations and Parameter Estimation
Experimental force-displacement data were converted to stress-strain. The resulting stress–strain
response characterizes the mechanical behavior of the whole media. On the other hand, we assigned
strain energy functions (SEFs) to Layers I and II and proposed the SEF of the media based on
the SEFs of the layers. It should be noted that the SEFs of the layers are furnished with unknown
material parameters, which should be identified. The SEF of the media was differentiated to give
computational stress in terms of the mentioned material parameters. To evaluate these parameters,
we compared experimental and computational stresses and minimized their differences by
optimization of the material parameters through a nonlinear regression algorithm.
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2.5.1. Theoretical Framework
Describing the nonlinear and anisotropic response of the arterial wall requires utilization of
continuum mechanics and hyperplastic models, due to the large deformations that arteries experience
in the physiological environment [28]. Arteries are assumed to be incompressible, because of the
high water content [29]. In a recent study, the degree of compressibility of different arteries has been
shown to be small, especially for elastic arteries [30]. The SEF for such materials depends only on
the deformation gradient F. Assuming that X and x denote the coordinates of the point in reference and
deformed configurations, respectively, the deformation gradient is given by:

F

wx
wX

(1)

Considering arteries as cylindrical tubes, it has been well described that axial, circumferential and
radial directions coincide with the principal axes of arteries [31]. In the principal directions, F is
represented by a diagonal matrix with components that are stretch ratios in the respective principal
directions, Equation (2). Axial (Ȝ1) and circumferential (Ȝ2) stretch ratios are calculated from
planar biaxial tests, and the radial component (Ȝ3) is given by the incompressibility constraint
( J det( F ) Ȝ1Ȝ 2 Ȝ3 1):

F

ª
«Ȝ
« 1
«0
«
«0
«
¬

0
Ȝ2
0

0
0
1
Ȝ1Ȝ 2

º
»
»
»
»
»
»
¼

(2)

SEFs are usually formulated as functions of left or right Green–Cauchy strain tensor ( B FF T
T
and C F F , respectively) invariants ( I 1 , I 2 and J ) [32] or a Green–Lagrange strain tensor
( E 1 (C  I ) ) [31], which are interrelated functions of the deformation gradient. The second
2
Piola stress for an incompressible material can be represented as [33]:

S
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where p is a Lagrange multiplier term to enforce incompressibility and W describes SEF. The
Lagrange multiplier parameter is determined from a boundary or pre-defined condition. In our case,
the out of plane component of stress is zero (plane stress assumption), and the term p is obtained
accordingly. After deriving the second Piola stress, other stress measures can be calculated and
utilized accordingly. Cauchy stress is obtained by transforming the second Piola stress into a deformed
configuration, which is given by:
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(4)
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Experimental marker coordinates in biaxial tests were used to calculate respective stretch ratios,
and subsequently, the deformation gradient tensor was formed. Then, the Green–Lagrange strain
1 2
(Ȝi  1) , Ei is used instead of Eii to denote diagonal elements of the Green–Lagrange
tensor ( Ei
2
strain tensor for simplicity) and the first invariant of right Green–Cauchy strain tensor
1
( I1 Ȝ12  Ȝ 22  2 2 ) were calculated for the time increments during the tests. Furthermore, the
Ȝ1 Ȝ 2
measured force per unit of the initial orthogonal cross-section of the tissue was calculated as the first
Piola stress (P); then, it is converted to the second Piola stress:
S

F 1P

(5)

In the following sections, the deformation variables (Green–Lagrange strain and the first invariant
of the right Green–Cauchy strain tensor) denote the experimental deformations. Parameter Sexp will
denote the stress obtained from the experiments.
2.5.2. Strain Energy Function
Appropriate types of SEF should be used for the media layers to evaluate the overall mechanical
behavior of the tissue. To present proper forms of SEF for media layers, a phenomenological
approach was adopted. It has been reported that the arterial elastin component is almost isotropic; hence,
a neo-Hookean constitutive model can adequately elucidate its mechanical behavior [25,34,35].
Since, in this study, Layer I represents elastic lamellae, which are made almost entirely of elastin,
neo-Hookean-type SEF was assigned to represent their mechanical behavior. Layer II, which is
mechanically dominated by collagen fibers, behaves nonlinearly, due to the non-homogeneous
distribution and gradual uncrimping of collagen fibers interwoven by fine elastic fibers and ground
substances [36]. The four-parameter exponential SEF, which was proposed by Fung et al. [37],
was used to simulate the mechanical performance of Layer II of the media. This function is capable
of representing the nonlinear, anisotropic and stiffening behavior of the collagen-embedded
biological materials and is described as “the most concise potential for biotissues” [38]. We assumed
the superimposed contribution of Layers I and II, i.e., Layers I and II act in parallel and contribute
proportional to their volume fractions of the media. The superimposed contribution of components is
widely used in arterial models [5,39]. Assigned forms of SEF to Layer I, Equation (6), Layer II,
Equation (7), and the entire media, Equation (8), are discussed as follows:

c1 ( I1  3)

(6)

c2 [exp(a1E12  a2 E22  2a3 E1E2 )  1]

(7)

WI

WII

Wmedia

f IWI  f IIWII

(8)

in which fI and fII represent volume fractions of Layers I and II of the overall non-liquid phase,
respectively, and W denotes the SEF for Layer I (WI), Layer II (WII) and the whole media (Wmedia).
Additionally, Ei stands for the Green–Lagrange strain and I 1 for the first invariant of the right
Green–Cauchy strain tensor. Furthermore, c1, c2, a1, a2, a3 are unknown material parameters.
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Considering the concentric and parallel configurations of two layers and the fact that layers do not
detach during stretch within the physiological range, it is assumed that the deformations of Layers I
and II are equal to the deformation of the whole tissue, which is recorded during biaxial tests.
Bidirectional computational stresses for the whole media (Wmedia) can be obtained in terms of
layer stresses using Equations (3) and (8). Then, the following set of equations can be written for the
computational axial ( S a ) and circumferential ( S c ) stresses of layers and the whole wall:
a
° Scomp
® c
°̄ Scomp

f I SIa  f II SIIa
f I SIc  f II SIIc

(9)

The mechanical behavior of the media is expressed as a function of unknown material parameters
proposed for the layers, Equations (6) and (7). The volume fractions of the layers were determined
from image processing of the histological analysis, as described previously.
2.5.3. Parameter Estimation
To find the unknown material parameters, the obtained experimental data were approximated
with the proposed SEF in both circumferential and axial directions. Unknown material parameters
accommodating computational stresses were estimated, such that computational stresses could best
follow experimental stresses for the range of deformations (Ei, I1). A MATLAB code was developed
to search for the optimized set of unknown material parameters that can simultaneously best
interpolate experimental data in circumferential and axial directions. Nonlinear regression was
utilized to evaluate the error function as the squared difference of computational (Scomp) and
experimental (Sexp) stresses in a full range of experimental deformations, Equation (10). The material
parameters were updated in each iteration, till the minimum difference criterion was met.
e(c1 , c2 , a1 , a2 , a3 )
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Parameter k is used to summate the difference over the full range of deformations.
3. Results
The nonlinear stress–strain responses calculated from the load-displacement data of human thoracic
aorta obtained from biaxial tensile tests are depicted in Figure 3 for the axial and circumferential
directions of all three test subjects. Comparing the respective strains, stiffer circumferential behavior
is observed. The results indicate that in the initial part of the curves, the stress is proportionally
increasing with the exerted strain up to a specific region, after which stress increases faster.
These responses were fitted with the proposed lamellar model, and the resultant material
parameters are delineated in Table 1. Goodness of fits were investigated for each case using the
coefficient of determination (R2) and are reported in the same Table. The computational stress
predicted by our model is plotted together with respective experimental data for one of the cases
(M25) in Figure 4 to visualize the ability of the model to describe the anisotropic behavior of the
aortic media. The same trend was reported for other cases. In addition, Figure 4 illustrates the
contribution of Layers I and II on the stress-strain response of the media. In lower strains, Layer I
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bears higher stresses. By further straining, Layer II exceeds Layer I in stress. This pattern is observed
in both the axial and circumferential directions. The intersection point of layer stresses denotes the
equal contributions of them to the mechanical behavior of the whole media.
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Figure 3. Stress-strain response obtained by biaxial tests: (a) axial and (b) circumferential
responses. At low strain ranges, similar responses of the three cases in the axial and
circumferential directions indicate that components leading to anisotropy do not
contribute significantly in this region.
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Figure 4. Experimental stresses plotted together with computational stresses for M25
(male donor, aged 25), based on the evaluated material parameters. The contribution of
Layers I and II on the mechanical behavior of the media is depicted, as well, for the range
of experimental strains: (a) axial direction; (b) circumferential direction.
The computed volume fractions for Layers I and II utilizing image-processing are depicted in Table 1.
For M25 and M28, the same range of volume fractions are found. However, for the third case (M42),
representing a middle-aged subject, significant changes in the volume fractions are observed.
For this case, the volume fraction of Layer II is drastically (~20%) elevated compared to younger
subjects. This is in accordance with the effects of aging on the remodeling of the arterial wall due to

43
new collagen synthesis, which is inherent within Layer II [40]. Moreover, it has been shown that
aging is associated with decreased fibrillar crosslinks and changes in collagen fiber orientations in
addition to altered collagen content [41,42]. Nevertheless, with such considerable changes in the
microstructure, the stress levels of all three cases are similar.
Table 1. Computed volume fractions and obtained material parameters for the three cases tested.
Parameters

Cases
M25

M28

M42

fI (-)

0.2803 ± 0.0113

0.2711 ± 0.0100

0.2172 ± 0.0067

fII (-)

0.7197 ± 0.0113

0.7289 ± 0.0100

0.7828 ± 0.0067

c1 (kPa)

33.894

43.795

43.428

c2 (kPa)

35.877

15.692

46.627

a1 (-)

1.4655

1.9984

1.1188

a2 (-)

1.85712

2.2043

1.2865

a3 (-)

0.0473

0.0080

0.2265

0.9946

0.9761

0.9959

2

R (-)

4. Discussion
Distinct phases can be distinguished in the axial and circumferential stress-strain curves of the
arterial wall tissue [20,43] (Figure 3). At low strains, the stress–strain curve is nearly linear and
similar in both the axial and circumferential directions, indicating that components leading to
anisotropic behavior of the artery wall do not contribute significantly in this range. The results of our
lamellar model are in agreement with this fact, because at low strains, Layer I, which is assigned to
arterial elastin, bears higher stresses compared to Layer II (Figure 4). The obtained material
parameter for Layer I is consistent with recent investigations of the mechanical behavior of arterial
elastin [25,44]. In the initial part of the stress–strain curve, collagen fibers behave in a wavy and
crimped manner, and they remain almost inactive until further stretching, leading to their
load-bearing engagement [45]. Along with further strain, collagen fibers gradually uncrimp and
become engaged in the mechanical response, presumably described by the intersection of the
stress-strain curves of Layers I and II (Figure 4). Further straining results in their activation, which is
shown in the stress–strain curve of the media by a transition from a linear to a nonlinear response.
Increasing stiffness of Layer II is owed to the gradual recruitment of collagen fibers. In this range of
strain, Layers I and II contribute similarly to the mechanical behavior of the wall. The intersection
point of the stress curves of the layers in Figure 4 denotes the equal contributions of Layers I and II.
An interesting fact that can be inferred from Figure 4 is that the strain corresponding to the
intersection point in the circumferential direction is lower compared to the axial direction, showing
a stiffer circumferential response. This can indicate that more collagen fibers are aligned in the
circumferential direction compared to the axial direction. In recent studies, the preferred direction
of collagen fibers was inquired, and the same dominancy in circumferential direction has been
reported [13,24,46].
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Physiologic ranges of strains in aorta are reported to be maximally 36% in the axial and 21.5% in
the circumferential direction [47]. Interestingly, these strains almost coincide with the intersection
points in Figure 4, indicating almost equal layer stresses in physiologic strains. In the last phase, most
of the collagen fibers are recruited [48], their behavior becomes dominant and the stress-strain
response of the whole media follows the contribution of Layer II.
The measured volume fractions, besides providing geometrical data for the current lamellar
model, can be used as an indicator of the structural changes in the lamellar structure of the media with
age progression. It should be noted that for a comprehensive judgment, more samples of differently
aged subjects should be investigated. Considering the drastic decrease observed in the volume
fraction of Layer I in M42, together with the similar mechanical responses at low strains for all three
cases, one can conclude that the elastin content of the media is mainly constant and increases in
volume for Layer II, and the inherent deviations in the orientation and density of collagen fibers [42]
are responsible for these changes. Unchanged elastin content and its decreased concentration in
aging is well published [49].
The proposed microstructural model integrates the isotropic nature of arterial elastin, the
anisotropic behavior of interstitial collagenous layers and their microstructural features simultaneously.
Such models give more appropriate estimates of the mechanical response of the aortic media
compared to conventional SEFs, such as the exponential function proposed by Fung et al. [37], since
the proposed model in this study incorporates a separate term (the neo-Hookean function that is
assigned to Layer I), which makes it more flexible to follow the nearly linear initial part of the
stress-strain curve together with the exponential and anisotropic behavior of the tissue after the onset
of collagen fiber activation (referred to as “biphasic behavior” in the literature [38]).
The lamellar model presented here is useful for establishing the roles of the micro-constituents of
aortic media on the macro-behavior; this model is capable of following arterial mechanical behavior
in its functional phases. The intended model provides some novel insights into the contributions of
elastin and collagen to the mechanical behavior of the whole media. Further investigation is required
in terms of the experiments and structural elements taken into account in the model. The mechanical
properties of elastin sheets, collagen bundles, SMCs and also the interaction of these components are
not fully understood, and novel experimental protocols are required. The accurate mechanical
properties of these components along with realistic geometry will lead to more accurate models and
new aspects of arterial mechanics.
5. Limitations
It was assumed that Layers I or II remain the same along the thickness of the media with the same
mechanical properties. This assumption is adequate for describing the mechanical response of elastin
sheets. However, as shown by advanced imaging techniques, such as second harmonic generation
and multi-photon microscopy, collagen fibers change their orientation and possibly diameter as we
move from the intimal side of the media towards the adventitia [22,50]. Since collagen is one of the
main contributors to the mechanical properties of the media, a more accurate model that accounts for
these alterations will lead to a better description of the mechanical properties. However, the proposed
approach, which focuses on the lamellar microstructure of the media, is potentially capable of
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clarifying the underlying mechanics. Such models can describe the biomechanics of the arterial wall
in health and disease, as well as the remodeling of the arterial wall due to aging or hypertension,
based on the changes of the structural components.
6. Conclusions
In this study, a lamellar model of the arterial media based on both mechanical testing and
microstructural information is proposed, and related material parameters are obtained. Samples of
human thoracic aorta were examined biaxially to provide the mechanical data. Other required data,
such as the volume fractions of layers, were computed from images of stained aortic rings using
image processing techniques. Utilizing this new approach, some novel insights into the contribution
of the media’s microstructure to the mechanical response are provided, which can be summarized as:
x
x

Visualizing the contributions of Layers I and II for the range of physiologic and
supraphysiological deformations.
Providing an appropriate fit to biaxial test data of the aortic samples in both the axial and
circumferential directions for different functional phases, i.e., initial crimp and gradual
activation of collagen fibers. The model predictions were in good agreement with the
experimental data in both the circumferential and axial directions.

Compared to common microstructural models, the proposed approach in this study further
investigates the mechanical contribution of lamellar units to the bulk of aortic media and determines
how wall lamellae share functional loads. The proposed model in Equation (8) with the values of the
material parameters reported in Table 1 can be regarded as a new framework of arterial models to
investigate the physiological and pathological conditions of the arteries, such as aging.
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Highly Stretchable, Biocompatible, Striated Substrate Made
from Fugitive Glue
Wei Li, Tomas Lucioni, Xinyi Guo, Amanda Smelser and Martin Guthold
Abstract: We developed a novel substrate made from fugitive glue (styrenic block copolymer) that
can be used to analyze the effects of large strains on biological samples. The substrate has the
following attributes: (1) It is easy to make from inexpensive components; (2) It is transparent and can
be used in optical microscopy; (3) It is extremely stretchable as it can be stretched up to 700% strain;
(4) It can be micro-molded, for example we created micro-ridges that are 6 ȝm high and 13 ȝm wide;
(5) It is adhesive to biological fibers (we tested fibrin fibers), and can be used to uniformly stretch
those fibers; (6) It is non-toxic to cells (we tested human mammary epithelial cells); (7) It can tolerate
various salt concentrations up to 5 M NaCl and low (pH 0) and high (pH 14) pH values. Stretching of
this extraordinary stretchable substrate is relatively uniform and thus, can be used to test multiple
cells or fibers in parallel under the same conditions.
Reprinted from Materials. Cite as: Li, W.; Lucioni, T.; Guo, X.; Smelser, A.; Guthold, M. Highly
Stretchable, Biocompatible, Striated Substrate Made from Fugitive Glue. Materials 2015, 8,
3508-3518.
1. Introduction
Cells and other biological samples are often exposed to stresses and strains in their natural
environment, and these stresses and strains can have a significant biological effect. For example,
the growth of smooth muscle cells and the import of nuclear proteins are stimulated by strains [1],
and bone formation is stimulated in the presence of mechanical stimuli [2]. In the last few years,
strong evidence has emerged that cells are sensitive to the mechanical properties (e.g., stiffness) of
their environment. In a seminal paper, Engler et al. showed that the differentiation of stem cells is
influenced by substrate mechanical properties [3]. These researchers observed that stem cells will
differentiate into bone-like cells when grown on stiff substrates or into neuron-like cells when grown
on soft substrates. Moreover, mechanical strain plays an important role in stem cell differentiation
and function: global gene expression changes (for example, smooth muscle markers increase, cartilage
matrix decrease) when cells are aligned parallel to the strain axis [4]. Furthermore, intracellular
calcium oscillation in human mesenchymal stem cells is governed by mechanical tension [5] and
mesenchymal stem cell differentiation into vascular smooth muscle cells may be promoted by
uniaxial strain [6].
Similarly, biological fibers in the body are often exposed to stresses and strains. For example,
blood flow exerts stress on fibrin fibers during blood coagulation, and blood flow can affect the
structure of blood clots [7,8] and the interaction of fibrin fibers with platelets [9]. Elastin fibers [10],
which are found in the skin and lungs, experience strain during respiration and are very extensible;
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collagen fibers, found in cartilage and connective tissue, experience strain during movement, but are
not as extensible [11].
Therefore, when investigating the behavior of biological samples in the lab, a stretchable substrate
is required in many situations. There are numerous devices and techniques to apply and test the effect
of stress and strains on cells. One example is traction force microscopy, which uses a stretchable
substrate. The migration of normal 3T3 (3-day transfer, inoculum 3 × 105 cells) cells can be detected
by using traction force microscopy, where the cell body was pulled forward by the dynamic traction
forces at the leading edge [12]. Shao et al. described a homemade cell stretching device to
demonstrate that external mechanical stretch plays a key role in regulating subcellular molecular
dynamics with the F-actin cytoskeleton [13]. Moore’s group used their stretching device to show that
phenotype modulation (alignment and altered mRNA expression) can be induced by stretching
10T1/2 (from Embryonic mesenchymal cell line) cells [14].
Nano- and microfiber properties are often measured by suspending fibers over microridges in a
substrate and then the fibers are manipulated with an Atomic Force Microscope (AFM) [15]. The
mechanical properties of different nanofibers have been determined by this method, such as fibrin
fibers [15,16], electrospun collagen fibers [17] and electrospun fibrinogen fibers [18]. This
sophisticated AFM technique allows for precise mechanical manipulations of nanofibers, and
numerous mechanical properties can be extracted with this technique. However, individual fibers are
pulled one at a time, which is tedious, time-consuming and not efficient. Varju et al. showed that a
strained blood clot lyses slower than an unstrained blood clot [19]. So, to investigate the effect of strain
on single fibrin fibers, an AFM could be used, but a technique that allows the investigation of
multiple fibers in parallel would be more efficient. With our novel, highly stretchable substrate, it is
possible to manipulate an array of single fibers simultaneously, instead of only one single fiber. This
facilitates investigations of the effect of strain on single biological nanofibers, such as collagen and
fibrin, and other nanofibers, such as electrospun nanofibers [18], that are used in biomedical
engineering applications.
Besides investigating biological samples, stretchable substrates may also be used in flexible
electronics. Stretchable materials can serve as substrates, onto which circuits and electronics are
engineered [20,21]. Other times, conducting materials are injected into the substrate [22,23]. Often
these materials have a rather low stretch limit, just a little above 100% [24]. However, some
applications may require significantly higher elongations. Another drawback of current stretchable
devices, like bio-Microelectromechanical systems (bioMEMS) [25,26] and traction force
microscopy [12], is the high cost of these devices.
In this paper, we report tests on fugitive glue (a styrenic block copolymer), which is
extraordinarily stretchable (up to a 750% strain). It also is very inexpensive, easy to obtain and easy
to handle. Moreover, it can be molded into microstructures, and presumably many other shapes.
Furthermore, it is transparent (for use in optical microscopy), it can withstand extreme environments,
like strong acids/bases (between pH 0 and 14), it is compatible with salt solutions and biological
samples (fibrin fibers), and it is non-toxic to cells.
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2. Results
2.1. Stability
2.1.1. Mechanical Stability and Stretchability
We found the substrate to be mechanically stable (it kept its original shape and length) even when
stretched to about 250% (detailed experimental conditions are given in Section 4. In our 24-h test,
it kept its original shape in air at room temperature. Therefore, we kept the stretching percentage at
around 250% in the following experiments. In the most extreme case we tested, the substrate could
be stretched to around 750%, but it was only mechanically stable for 10 min. These experiments
demonstrate that substrates formed from fugitive glue are extremely extensible and hold their
shapes for long enough time periods to do many biological and other experiments. The extensibility far
exceeds that of other common materials used in recently described stretching devices, such as
Polydimethylsiloxane (PDMS) [20], Poly-ethylene-terephthalate (PET) [27], Polyimide (PI) [28]
and silicone [29]. A concentrated strain of 107% has been reported on a soft, thin PDMS film area in
microsupercapacitor arrays [20]. PET substrates coated with an acrylic primer can be stretched to
over 70% without breaking [27]. None of these materials can be stretched to several times their
original length. In separate experiments, we also tested PDMS (Sylgard 184 Silicone Elastomer Kit,
10:1 mix ratio, Dow Corning, Midland, MI, USA), Norland optical adhesive 81 (Norland Products
Incorporated, Cranbury, NJ, USA) and silicone (GE Silicone II, Kitchen and Bath Caulk, clear color,
purchased at Home Depot, Atlanta, GA, USA); they were all significantly stiffer than fugitive glue
and significantly less extensible.
A familiar example of fugitive glue is its common use to attach credit cards to paper (credit card
glue), and it can be easily stretched to several times its original length.
Fugitive glue is a styrenic block copolymer, a type of thermoplastic elastomer. Their mechanical
properties, which are similar to rubber, stem from their microstructure. Microscopically, styrenic
block copolymers consist of two hard polystyrene end blocks that are connected by a soft,
elastomeric midblock (linker), typically made of polybutadiene or polyisoprene.
2.1.2. pH Tolerance Test
Some experiments require extreme pH values, so the ability of a substrate to tolerate highly
acidic and basic surroundings can become important. We, therefore, also tested the pH tolerance
of our fugitive glue substrate from pH 0 to pH 14. Some polymers may degrade at these extreme
environments, e.g., polyanhydrides degrades at high pH values [30], poly(dl-lactide-co-glycolic
acid)-methoxypoly (ethyleneglycol) (PLGA-mPEG) microparticles show degradation in strong acid
and base [31]. However, our stretchable substrate made from fugitive glue maintained its mechanical
and chemical stability under both highly acidic and basic environments for up to at least 1.5 h. There
was no discernable degradation (by visual inspection under a microscope with a 40× objective lens)
and the shape of the grooves and ridges was not affected (Figure 1).
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Ridge

Groove

Figure 1. pH Tolerance Test. (A) Initial image right after adding pH. (B), (C), (D), (E)
Images taken after 1.5 h incubation at pH 0, 4, 10, 14. The images before and after adding
solutions are at different locations of the same sample. Some crystals formed in the
pH 14 solution, probably due to the high Na+ concentration, but the substrate appears
unaffected by the solution.
2.1.3. Salt Solution Tolerance Test
For biological and non-biological experiments, different salt solutions may be applied to the
substrate. So, it is also important to test if this material can withstand different salt solutions. We
selected two commonly used salts, NaCl and MgCl2, at very high concentrations (near their
solubility), reasoning that if fugitive glue can withstand such extremely high salt concentrations, it
should also be able to withstand lower salt concentrations. In this experiment, a 5 M NaCl solution
and a (2.5 M NaCl + 2.5 M MgCl2) solution were applied to the stretchable substrate. After 4 h, no
salt deposits and no deformation or degradation of the ridges and grooves were observed (Figure 2).
In summary, the stretchable substrate made from fugitive glue can accommodate a broad range of
solution conditions that may be found in many experiments.
Ridge

Groove

Figure 2. Salt Solution Tolerance Test. (A) Initial image that was taken right after adding
salt solution to the substrate. (B) and (C) Images of the substrate after a 4 h-incubation
with 5 M NaCl and (2.5M NaCl + 2.5M MgCl2) solutions. The images before and after
adding salt solution are at different locations of the same sample.
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2.2. Bio-Compatibility
2.2.1. Cell Growth on Fugitive Glue Substrate
Since many biological samples are exposed to stress and strains in their environment, we tested
if our stretchable fugitive glue substrate is suitable for biological samples. We tested cells and
biological fibers. First, we tested if this material is toxic to cells. Human Mammary Epithelial Cells
(HMECs) were grown on fugitive glue for 48 h (Figure 3A,B). Cells were well attached and grew
well on the fugitive glue substrate. Thus, it appears that fugitive glue is suitable as a cell substrate.
About 85% of cells are alive (stained green), whereas about 15% of cells are dead (stained red).

A

B

Figure 3. Human mammary epithelial cells grown on fugitive glue substrate.
(A) Differential Interference Contrast (DIC) images of cells; (B) Fluorescence images
(20× objective lens) of live cells (stained green) and dead cells (stained red) of same field
of view as in (A).
2.2.2. Fibrin Fiber Formed on Fugitive Glue Substrate
Besides cells, we also tested if our fugitive glue substrate is compatible with biological fibers.
Fibrin fibers are the major structural and mechanical component of a blood clot. They have an
average diameter of about 130 nm. Fibrin fibers form from fibrin monomers, the activated form of
the blood protein, fibrinogen. Fibrinogen gets converted to fibrin by thrombin in the last step of the
coagulation cascade. Fibrin fibers can be easily formed in the lab, by adding thrombin to fibrinogen.
In previous work, we have determined various mechanical properties of single fibrin fibers, such as
their stiffness, extensibility and elasticity [15,16]. As shown in Figure 4A, fibrin fibers form well
on this substrate, and they strongly adhere to the substrate. We did not observe any slipping or
detachment, even at over two-fold extensions (Figure 4B). Since fibrin fibers experience stress
during blood circulation [7,8], there is a strong interest in investigating fibrin fiber mechanical
properties. Our stretchable substrate provides a novel approach for these investigations.
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Figure 4. Fibrin fibers on the unstretched substrate (A), and stretched substrate (268%)
(B). The substrate has imprinted ridges and grooves. The width of the groove is 13.5 ȝm
(before stretching), and 36.2 ȝm (after stretching).
3. Discussion
We have described and tested a highly stretchable substrate made from fugitive glue, a styrenic
block copolymer. It is moldable, transparent to visible light (usable as a substrate in optical
microscopy), tolerant to high and low pH values and salt concentrations, and compatible with
biological cells and fiber samples. Compared to other devices that are used to apply strain to
biological samples on the microscale, it is among the least expensive and easiest to handle and
manufacture. Other devices include bio-Microelectromechanical systems (BioMEMS) and some
home-made stretching devices.
BioMEMS are MEMS devices for biological applications, which are manufactured using similar
microfabrication techniques as those used to create integrated circuits. They are usually used in
biosensors, pacemakers, immunoisolation capsules, and drug delivery systems [32]. BioMEMS have
been used to apply strain to adherent fibroblasts and detect the de-adhesion force [25], and to test cell
force responses: strongly linear, reversible, and repeatable under large stretches [26].
Some home-made devices have also been used to apply external strain to biological systems.
For example, Heo et al. applied input pressure (air input) from underneath to a PDMS layer, so that
the cells on the layer can be stretched [33]. Another novel stretching device is based on the movement of
computer-controlled, piezoelectrically actuated pins of a refreshable Braille display underneath a
sample to generate strain on a elastometric PDMS membrane’s top surface. The Braille pins could
provide 20%–25% maximal strain in the radial direction [34]. Yang’s group used a force sensor
probe coated with biomolecules to stretch cells [35]. Wipff et al. used PDMS as the elastic membrane,
mixed with tracking particles to monitor the degree of substrate expansion under stretch [36].
All these are examples of well-suited devices for biological stretch experiments on a micrometer
scale. Many have a limited stretching range (around 20%–30%), since they use PDMS. Our
stretchable substrate is a good substrate choice when large strains are required, since it is extremely
extensible (about 750%). It is also less stiff than PDMS, and can be stretched manually.
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4. Experimental Section
4.1. Stretchable Substrate Preparation
The stretchable substrate was made from fugitive pressure sensitive adhesive (Surebonder
AT-10154 Hot Melt, Hotmelt.com, Edina, MN 55439, www.hotmelt.com); this type of glue is also
called hot melt pressure sensitive adhesive or, colloquially, credit card glue. Chemically, this
adhesive is a styrenic block copolymer. A drop of hot fugitive glue was placed onto the surface of
a microscope cover glass slide (No. 1.5, 24 mm × 60 mm) (Fisherbrand, Pittsburgh, PA, USA) from
a Surebonder PRO100 Hot Melt Gun (Hotmelt.com, Edina, MN 55439, www.hotmelt.com).
Immediately afterward, a rectangular PDMS (Polydimethylsiloxane) (6 mm × 8 mm) stamp with
imprinted grooves and ridges was pressed into the glue. After it cooled down and dried (4 min), the
PDMS stamp was peeled off, leaving ridges and grooves in the fugitive glue (width and height of the
ridges was 6.5 ȝm, width of the grooves was 13.5 ȝm, measured by scanning electron microscope
(SEM, Amray 1810, AMRAY, Bedford, MA, USA) in a previous publications [18]. Next, the
imprinted fugitive glue substrate was manually stretched to the desired length, as follows. The
imprinted substrate was carefully peeled off the glass cover slide, then manually stretched to a
specific length, and anchored back down again. For anchoring we used Adhesive Squares (

1
1
inch ×
2
2

inch Adhesive Squares™ RS Industrial, Inc., Buford, GA, USA) as follows. The squares, which are about
1 cm × 1 cm where stretched into a string of about 15 cm. This string was then used to tie down the two
sides by wrapping them around the cover glass as shown in Figure 5.

A

B

C
Adhesive String

Stretched Fugitive Glue Substrate
1 cm

1 cm

Figure 5. Setup of stretchable substrate. (A) Schematic of forming fugitive glue with
ridges and grooves; (B) Photograph of fugitive glue substrate with ridges and grooves;
(C) Photograph of stretched substrate.
4.2. pH and Salt Solution Tolerance Test
400 ȝL solutions with different pH values and salt concentrations were deposited onto the surface
of the stretchable substrate and left for 1.5 h at room temperature. The following solutions were used
(all solutions from Fisher Scientific, Pittsburgh, PA, USA): 1 N HCl (pH 0), pH 4 buffer solution
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(pH-meter calibration solution, Potassium Acid Phthalate), pH 10 buffer solution (pH-meter
calibration solution, Boric Acid-Potassium Chloride-Sodium Hydroxide buffer), 1 N NaOH (pH 14),
5 M NaCl (Sigma-Aldrich, St. Louis, MO, USA), 5 M MgCl2 (Sigma-Aldrich). Microscope images
were taken before and after the tests with an inverted optical microscope (Axio Observer D1, Zeiss,
Thornwood, NY, USA) with a 40× objective lens.
4.3. Fibrin Fibers
An 18 ȝL solution of purified human fibrinogen (Enzyme Research Laboratories, South Bend, IN,
final concentration 1 mg/mL) was placed onto the surface of the stretchable substrate. Then 2 ȝL of
thrombin (Enzyme Research Laboratories, South Bend, IN, final concentration 0.1 NIH (National
Institute of Health) units/mL) were added into it and kept in a wet environment at room temperature for
1 h. After that, a skin (part of the clot) on this solution was peeled off with a pipette tip to reduce the
density of the clot before imaging. Fibrin fibers on the stretchable substrate were kept continuously
in fibrin buffer (140 mM NaCl, 10 mM, Hepes, 5 mM CaCl2, pH 7.4).
4.4. Cell Growth
For the cell growth experiments, we used a flat (instead of a striated) substrate made from fugitive
glue. Glass bottom dishes (Willcowells, Amsterdam, The Netherlands) of size 35 mm × 2 mm were
purchased and assembled in the lab. A drop of hot fugitive glue was placed onto the surface of a petri
dish, then a PDMS stamp with flat surface was pressed into the glue and removed after 4 min.
Human mammary epithelial cells (HMECs) were purchased from Lonza (Lonza Group Ltd,
Walkersville, MD, USA) and used within 6 passages from their original state from Lonza. HMECs
were cultured in Mammary Epithelial Cell Growth Medium–MEGM (Lonza) with 0.4% bovine
pituitary extract (BPE) (Lonza), according to the distributor’s recommendations. Cells were cultured
and maintained in a culture incubator at 37 ºC with 5% CO2. Pictures were taken 48 h after the cells
were seeded (Figure 3).
4.5. Cell Viability Assay
The cell viability assay was done by using LIVE/DEAD Viability/Cytotoxicity Kit (Life
Technologies, Grand Island, NY, USA). 400 ȝL of 1 ȝM Calcein AM (acetomethoxy derivate of
calcein) (used to stain live cells, ex/em~495 nm/515 nm) and 400 ȝL of 10 ȝM Ethidium homodimer-1
(used to stain dead cells, ex/em~495 nm/635 nm) were added into the petri dish with cells prepared
as described above and incubated for 15–20 min. Green fluorescence indicated the activity of
intracellular esterases present in live cells, and red fluorescence indicated the loss of cell membrane
integrity in dead cells. Fluorescence images of live and dead cells and Differential Interference
Contrast (DIC) images of cells were taken with a Nikon Eclipse Ti, 20× objective, NA 0.75.
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Prosthetic Meshes for Repair of Hernia and Pelvic Organ
Prolapse: Comparison of Biomechanical Properties
Manfred M. Maurer, Barbara Röhrnbauer, Andrew Feola, Jan Deprest and Edoardo Mazza
Abstract: This study aims to compare the mechanical behavior of synthetic meshes used for pelvic
organ prolapse (POP) and hernia repair. The analysis is based on a comprehensive experimental
protocol, which included uniaxial and biaxial tension, cyclic loading and testing of meshes in dry
conditions and embedded into an elastomer matrix. Implants are grouped as POP or hernia meshes,
as indicated by the manufacturer, and their stiffness in different loading configurations, area density
and porosity are compared. Hernia meshes might be expected to be stiffer, since they are implanted
into a stiffer tissue (abdominal wall) than POP meshes (vaginal wall). Contrary to this, hernia meshes
have a generally lower secant stiffness than POP meshes. For example, DynaMesh PRS, a POP
mesh, is up to two orders of magnitude stiffer in all tested configurations than DynaMesh
ENDOLAP, a hernia mesh. Additionally, lighter, large pore implants might be expected to be more
compliant, which was shown to be generally not true. In particular, Restorelle, the lightest mesh with
the largest pores, is less compliant in the tested configurations than Surgipro, the heaviest, small-pore
implant. Our study raises the question of defining a meaningful design target for meshes in terms of
mechanical biocompatibility.
Reprinted from Materials. Cite as: Maurer, M.M.; Röhrnbauer, B.; Feola, A.; Deprest, J.; Mazza, E.
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1. Introduction
Mechanical biocompatibility of prosthetic meshes for hernia and pelvic organ prolapse (POP) is
related to the ability of implants to display a mechanical behavior compatible with its function and
favoring its integration into the surrounding native tissue [1–6]. This approach for implant assessment
has received increased attention in recent years. While initial investigations focused on the ability of
a mesh to provide sufficient strength and resistance to maximum loads [7–12], it recently became
clear that the deformation behavior in a physiological range, also called “comfort zone”, is of major
importance [13,14]. A mismatch of mechanical properties of the implants compared to native tissue
has been associated with clinical complications [15–19], although none of these works explicitly link
mechanical properties with clinical outcome. It has recently been suggested that meshes designed to
mimic the biomechanical properties of the area of application are advantageous [2,14,20]. These
investigations are further motivated by an FDA safety communication [21] pointing at risks associated
with existing prosthetic meshes and corresponding surgery procedures for repair of POP.
A wealth of studies has been conducted analyzing either hernia or POP meshes (see [3,22] for
an extensive literature overview). However, little work was performed to compare the mechanical
response of these two groups, which may shed light onto the prevalent clinical complications. The
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mechanical environment and loading conditions these implants are exposed to differ significantly
between the abdominal wall and pelvic floor. Physiological loads in terms of membrane tension were
calculated based on Laplace’s law to be around 0.035 N/mm in the pelvic region and 0.136 N/mm at
the abdominal wall at rest, but can be orders of magnitude higher at increased intra-abdominal
pressures [5,7,23]. This gives an indication of the range of load at which mesh implants should work
best in supporting and mimicking native tissue, thus ensuring mechanical biocompatibility.
Based on the experimental study presented in [22], the data analysis in the present investigation is
extended to compare the mechanical properties of hernia and POP mesh implants with respect to
physiological loading conditions.
2. Experimental Section
Nine mesh implants were investigated. They were grouped into hernia (n = 5) and POP (n = 4)
implants based on the manufacturer’s information, available on their respective websites and
analyzed accordingly. All products are described in Table 1.
The mechanical testing procedure has been previously described in detail [22]. In short,
each mesh type was tested in eight different configurations: 2 (uniaxial tension or biaxial tension) × 2
(dry or embedded) × 2 (0° or 90° direction).These test configurations represent the in vivo loading
and environmental conditions of the mesh implants. Long, narrow strips of meshes used in
“line-type” suspensions are mainly loaded in uniaxial tension, whereas wider sheets, such as for
hernia repair, are typically subjected to multiaxial tension states. Our earlier study examined the
anisotropic behavior of these meshes along two perpendicular directions following the main knitting
patterns. However, here, the focus is on the stiffer of the two directions on a per mesh basis. A dry
mesh is tested as delivered, whereas embedded infers a specimen being embedded into a soft
elastomer matrix (Young’s modulus 0.0276 N/mm2 [25]), mimicking in vivo, ingrown conditions.
Experiments with uniaxial tension and biaxial tension (realized as uniaxial strain test, also called
“strip biaxial”; [22,26]) were performed on the same tensile test machine. In the uniaxial strain test,
lateral contraction of the specimen is constrained, leading to stresses in the direction perpendicular to
the loading axis, thus subjecting the sample to a biaxial state of tension. Test piece dimensions were
selected to generate a free area of 30 mm × 15 mm (uniaxial) and 50 mm × 15 mm (biaxial). Each
specimen was loaded to a maximum of 30% nominal strain (loading rate ~10í3sí1) and unloaded
back to a pre-force threshold of 0.01 N for 10 cycles.
Deformation analysis was performed in an optical, non-contact procedure in the center of the
specimen, allowing for extraction of local strains ( Hloc) as the result of an image analysis algorithm,
thus avoiding edge and clamp effects at the specimen boundaries. Force measurements at the clamps
were converted to nominal membrane tension (Mt (N/mm)) by dividing by the undeformed width of
the sample. For a detailed description of the loading protocol and data extraction, refer to [22].
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Table 1. List of mesh types used for the present investigation, with their weight
classified as ultralight, light or standard according to [24]. Principal directions of testing
are marked in red. Scale bar (lower right): 5 mm. Their clinical application is listed as
pelvic organ prolapse (POP) or hernia repair, as specified by the manufacturer.
Image

Mesh

Application

Material, Weight

Bard™ Mesh Marlex (BM)

Hernia

Polypropylene, standard

DynaMesh® ENDOLAP (DM)

Hernia

Ethicon Physiomesh® (PM)

Hernia

Polypropylene, ultralight

Hernia

Polypropylene, standard

Ethicon Ultrapro™ (UP)

Hernia

Polypropylene, light

DynaMesh® PRS (DMPRS)

POP

PVDF, standard

Gynecare PROLIFT™ (PE)

POP

Polypropylene, ultralight

Coloplast Restorelle™ (Rest)

POP

Polypropylene, ultralight

Parietex Ugytex® (UT)

POP

Polypropylene, light

Surgipro™ Polypropylene
Monofilament Mesh (SPMM)

PVDF (polyvinylidene
fluoride), standard

The resulting Mt–Hloc curves of each of the 8 specimens of each type, as well as the area density
and porosity measurements [27,28] form the basis for the analysis and comparison of mesh groups.
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Dry mesh samples of known dimensions were weighted before mechanical testing using a
high-resolution balance, and their area density was calculated as weight per area (kg/m2). Porosity is
determined as the ratio of open area to the total area, including filaments of one undeformed unit cell of
the knitting pattern [27,28].
From the Mt–Hloc, curves the secant stiffness K (N/mm) in the stiffer direction at the reference

membrane tension ܯ௧ ൌ ͲǤͲ͵ͷȀ (for hernia, as well as POP meshes) was extracted, for
both the 1st and 10th cycle (see Figure 1). It is defined as:


ܭൌ

ܯ௧
οߝ

(1)


where ǻ ܭis the difference of local strain at the reference membrane tension ܯ௧
and at the
beginning of the current cycle.
The specific value of Mt was chosen as a load representative of the membrane tension in the pelvic
region under physiological intra-abdominal pressure (IAP) at rest [23]. Each mesh is thus characterized
by 10 parameters, i.e., a secant stiffness value for each of the tested configurations (uniaxial and
biaxial tension, dry and embedded) in 1st and 10th cycle, as well as area density and porosity.
The implants are grouped into POP and hernia meshes as indicated on their official product insert.
Each parameter is shown in a bar graph, as well as standard box plots in order to visualize the
differences between the two groups. To determine the statistical significance, the Wilcoxon rank
sum test (equivalent to the Mann–Whitney U-test) is applied for each parameter.

Figure 1. Exemplary tension-strain curves for DynaMesh ENDOLAP (DM) for the
illustration of secant stiffness determination. (a) Uniaxial tension in the 0° direction, dry
mesh, loading and unloading in 1st and 10th cycle; (b) Biaxial tension in the 0° direction,
dry mesh, loading and unloading in 1st and 10th cycle. Secant stiffness in the 1st and
10th cycle is shown for both.
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3. Results and Discussion
3.1. Results
Figure 2 shows the uniaxial secant stiffness Kuni (N/mm) of each specimen grouped according to
the manufacturer indication into POP (red) and hernia (blue) meshes, with the mean of each group
shown in darker red and blue, respectively. The specific testing conditions (dry/embedded and
first/10th cycle) are indicated in each subgraph. Figure 3 represents the corresponding biaxial secant
stiffness Kbi (N/mm). The respective stiffness values for each configuration are reported in Tables 2
(POP meshes) and 3 (hernia meshes).

Figure 2. Uniaxial secant stiffness Kuni (N/mm) for all meshes in four configurations:
(a) dry mesh, first cycle; (b) dry mesh, 10th cycle; (c) embedded mesh, first cycle;
(d) embedded mesh, 10th cycle. POP meshes are shown in red; hernia meshes in blue.
The mean of each group is plotted darker.
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Figure 3. Biaxial secant stiffness Kbi (N/mm) for all meshes in four configurations:
(a) dry mesh, first cycle; (b) dry mesh, 10th cycle; (c) embedded mesh, first cycle;
(d) embedded mesh, 10th cycle. POP meshes are shown in red; hernia meshes in blue.
The mean of each group is plotted darker.
Table 2. Numerical values of stiffness for all POP meshes and all tested configurations.
Testing Configuration

K (N/mm) POP Meshes
DMPRS

PE

Restorelle

UT

mean

uniaxial, dry, 1st cycle

19.2

1.8

5.2

4.0

7.5

uniaxial, dry, 10th cycle

19.9

1.3

2.1

4.5

6.9

uniaxial, embedded, 1st cycle

14.6

1.7

4.8

2.4

5.9

uniaxial, embedded, 10th cycle

20.0

1.2

1.8

4.7

6.9

biaxial, dry, 1st cycle

6.2

2.0

4.0

2.1

3.6

biaxial, dry, 10th cycle

13.1

4.1

3.2

11.8

8.1

biaxial, embedded, 1st cycle

1.6

2.2

0.5

0.9

1.3

biaxial, embedded, 10th cycle

11.3

3.2

2.5

1.5

4.6
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Table 3. Numerical values of stiffness for all hernia meshes and all tested configurations.
Testing configuration

K (N/mm) Hernia Meshes
BM

DM

PM

SPMM

UP

mean

uniaxial, dry, 1st cycle

2.5

0.3

0.2

2.0

0.3

1.1

uniaxial, dry, 10th cycle

3.5

0.4

1.1

1.1

1.3

1.5

uniaxial, embedded, 1st cycle

1.4

0.5

0.3

2.6

0.5

1.0

uniaxial, embedded, 10th cycle

2.1

0.5

0.2

2.5

0.5

1.2

biaxial, dry, 1st cycle

0.4

1.4

1.3

0.7

0.5

0.9

biaxial, dry, 10th cycle

0.9

2.0

1.4

2.1

1.4

1.6

biaxial, embedded, 1st cycle

0.6

0.5

0.5

0.5

1.3

0.7

biaxial, embedded, 10th cycle

1.6

0.7

0.5

1.2

1.6

1.1

Figures 4 and 5 depict the summarizing box plots for the two groups, for uniaxial and biaxial
stiffness in each configuration.

Figure 4. Box plots for uniaxial secant stiffness Kuni (N/mm) for all meshes in four
configurations: (a) dry mesh, first cycle; (b) dry mesh, 10th cycle; (c) embedded mesh,
first cycle; (d) embedded mesh, 10th cycle. The red line marks the median of the group;
the box represents the 25th and 75th percentile; the extended whiskers the most extreme
data points. The + sign indicates an outlier.
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The variability for the POP group is very large for all parameters, thus affecting the statistical
significance of the differences observed. The Wilcoxon rank sum test indicates a
statistically-significant difference between the POP and hernia groups for the biaxial stiffness in the
dry condition, both at the first and 10th cycle (p = 0.016 for both); see Figures 4a,b and 5a,b.
The POP meshes were four- or five-fold stiffer than the hernia meshes in the first cycle and 10th
cycle, respectively.
When comparing the mean and median stiffness for all configurations, POP implants are overall
less compliant than hernia implants. Since the abdominal wall is known to be stiffer than vaginal
tissue [9,29] and if mechanical biocompatibility were mainly dependent on similar properties to the
implant area, one would expect a more compliant design for implants for POP compared to hernia.
Embedding a mesh into a polymer matrix, thus reflecting the interaction with native tissue, affects
the mechanical response of the implants. The differences between the groups are still evident also for
this case (see Figures 2–4 and Figure 5c,d).

Figure 5. Box plots for biaxial secant stiffness Kbi (N/mm) or all meshes in four
configurations: (a) dry mesh, first cycle; (b) dry mesh, 10th cycle; (c) embedded mesh,
first cycle; (d) embedded mesh, 10th cycle. The red line marks the median of the group;
the box represents the 25th and 75th percentile; the extended whiskers the most extreme
data points. The + sign indicates an outlier.
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High density and small pores are often linked to high stiffness in prosthetic meshes [30,31]. When
comparing the POP and hernia groups, no statistically-significant difference can be found in these
parameters (see Figures 6 and 7). However, tendencies can be seen with the hernia meshes being
heavier (and similarly porous), while still being in general more compliant.

Figure 6. (a) Porosity and (b) area density of all meshes. POP meshes are shown in
red, hernia meshes in blue, with their respective mean values plotted darker. Porosity is
shown as the inverse of pore size, i.e., higher values represent smaller pores.
3.2. Discussion
Better clinical outcome might be expected from meshes designed to mimic the
physiologically-relevant deformation behavior of the underlying native tissue, thus ensuring
mechanical biocompatibility. This entails a meaningful stiffness reference target for mesh design.
However, the physiological loading configuration, as well as the range of load levels in terms of
membrane tension in the abdominal and vaginal wall still remain largely uncertain. While membrane
tensions in the abdominal wall are generally higher [7] than in the pelvic region (simply due to
geometric reasons, as shown in [23]), increasing the level of membrane tension at which the secant
stiffness is evaluated for the hernia meshes to a level of 0.136 N/mm (reported in [23] as a tension at
rest in the abdominal wall) only marginally increases their stiffness and does not change the trends
reported in Figures 2–7.
The range of stiffness values for native tissue reported in the literature shows large variation and is
mostly based on uniaxial tensile tests, while the predominant loading state in vivo is biaxial. Song et al. [32]
report a Young’s modulus of 0.042 N/mm2 and 0.0225 N/mm2 in the transverse and sagittal plane,
respectively, for human abdominal wall during in vivo insufflation, which would translate to
membrane stiffness values of 1.26 N/mm and 0.675 N/mm, respectively, multiplying by the
reported thickness of around 30 mm [32]. Analyzing the uniaxial stress-strain graphs shown in [33],
abdominal skin has a secant stiffness of 1.7 N/mm at a membrane tension reference of 0.136 N/mm,
whereas vaginal wall stiffness is 1.45 N/mm at a reference of 0.035 N/mm membrane tension.
Rabbits are one model system for mesh performance evaluation. Analysis of the stress-strain curves
in [34] yields uniaxial stiffness values for the abdominal wall complex of rabbits of 0.87–0.98 N/mm,
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whereas [35] report 0.28 N/mm at the same reference membrane tension of 0.136 N/mm. Biaxial
stiffness under inflation, however, increases by an order of magnitude to 2.41 N/mm. Similarly,
vaginal wall tissue stiffness values at a reference membrane tension of 0.035 N/mm reach from
0.155 N/mm (prolapsed tissue; [29]), 0.675 N/mm (healthy tissue; [33]), 1.4 N/mm (prolapsed
tissue; [11]), up to 6.47 N/mm (healthy tissue; [11]).

Figure 7. Box plots for (a) porosity and (b) area density of all meshes. The red line
marks the median of the group; the box represents the 25th and 75th percentile; the
extended whiskers the most extreme data points. Porosity is shown as the inverse of pore
size, i.e., higher values represent smaller pores.
This variability is due to differences in experimental methodology, in vivo vs. ex vivo testing,
cadaver testing, animal tissue vs. human tissue, pathological vs. healthy tissue, as well as the inherent
variability of biological soft tissues. This scatter poses a significant problem in determining
meaningful mechanical design targets for prosthetic mesh implants and warrants further investigation.
Focus should be on the definition of consistent testing procedures based on physiological, in vivo
loading and stress magnitude conditions.
It has to be noted that the approach of mimicking the ingrown state of the mesh using an elastomer
matrix is only partially representative of the in vivo condition. This is mainly due to the differences
between the embedding procedure and the process of tissue ingrowth. A mesh sample is simply laid
into liquid elastomer and the elastomer left to cure. This results in an elastomer-mesh complex that is
formed in an unloaded initial configuration, while in vivo ingrowth might be expected to happen in a
loaded state. Due to this discrepancy, the definition of a secant stiffness between tension values
chosen here (pre-force threshold as defined in the experimental protocol and reference membrane
tension) might not be representative of the actual in vivo load range. This further highlights the need
to investigate the expected in vivo loading conditions of mesh implants, so to define testing protocols
that reproduce physiological states.
When comparing individual meshes in terms of their physical and mechanical parameters, an
instructive example can be seen in two meshes manufactured by FEG Textiltechnik: DynaMesh
ENDOLAP (DM), used in hernia repair, and DynaMesh PRS (DMPRS), used for pelvic prolapse
repair. While their porosity is similar and DM is indeed the heavier of the two, as expected for a
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hernia mesh, DMPRS is much stiffer in all tested configurations; and up to two orders of magnitude
in the case of uniaxial tension.
Similarly, Restorelle (a POP mesh) is the lightest implant with the largest pores; however, its
stiffness is clearly above average for most tested configurations. Restorelle is less compliant in the
configurations tested here than SPMM, the heaviest, small-pore implant. Note that in previous
studies [13,36,37], Restorelle was shown to be more compliant than some of the meshes tested here.
This can be attributed to the differences in the experimental protocols. In particular, the present
experiments evaluate the response of meshes at a physiological tension level. Thus the low
deformation regime determines the measured stiffness in the present work, whereas the ball burst test
in [36] depends more on the higher deformation regime.
Lightweight and large porous meshes might be expected to be more compliant than heavy, small
porous implants [36]. However, the present analysis shows that while POP meshes are on average
indeed lighter and often have larger pores, they are generally stiffer in the physiological loading
regime. In these loading configurations, porosity and density alone cannot be predictors for mesh
stiffness. Their specific knitting pattern and microstructure can lead to mechanism-like behavior in
a physiological loading range, effects that determine their compliance. This calls for a careful
evaluation of the mechanical properties of each mesh on several length scales, in conditions
representative of those expected in vivo.
The present experimental results do not take into account loads in directions other than the main
knitting patterns. In fact, the meshes are usually implanted such that their knitting pattern aligns with
principal loading directions, such as in line type suspensions (e.g., urethral slings) or sacrocolpopexy
procedures. Some meshes, such as DM, Ultrapro (UP) and PE, even have colored filaments
interweaved, guiding the physician during implantation. Deviation from this rule might lead to a
mechanical response that strongly differs from the data reported here. Similarly, while each mesh
was tested in two perpendicular directions, only the stiffer of the two is considered for the present
analysis, being indicative of an upper bound of stiffness. Knitted meshes do indeed tend to behave in
an anisotropic way, as investigated in [22], with anisotropy indices ranging from 1.0 for SPMM
(similar stiffness in both evaluated directions) to 8.0 for DMPRS.
In addition, only one sample per configuration has been tested due to the limited availability of
raw mesh material, which also limited the sample size. However, the level of variability for mesh
implants reported in the literature [18,22,37,38] is low, justifying the analysis conducted.
4. Conclusions
The mechanical biocompatibility of prosthetic mesh implants for hernia and POP repair very
likely is an important factor in ensuring their functionality and integration into the host tissue. We see
matching mechanical properties in a physiological loading range as desirable and an important step
towards reducing clinical complications.
This study has shown that some meshes designated as suited for POP repair tend to be stiffer than
those used for hernia repair, even though the abdominal wall has been shown to be less compliant
than the vaginal wall. Additionally, the expectation of lightweight, large pore meshes being more
compliant than their counterparts was contradicted by the presented data and specific testing
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configurations, indicating that a biomechanical analysis of each product is necessary to determine
its mechanical suitability. Knowledge of the physiological, in vivo mechanical environment in terms
of loading configuration and magnitude is required in order to define a suitable design target
for optimization of implants. Data reported in the literature show large variations in testing
configurations and corresponding stiffness values for pelvic organs and abdominal wall tissue. The
consensus for a standardized, physiological mechanical testing procedure is needed for native tissues
and implants, opening the path for a conscious mechanical design of prosthetic meshes.
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Reinforcement Strategies for Load-Bearing Calcium
Phosphate Biocements
Martha Geffers, Jürgen Groll and Uwe Gbureck
Abstract: Calcium phosphate biocements based on calcium phosphate chemistry are
well-established biomaterials for the repair of non-load bearing bone defects due to the brittle
nature and low flexural strength of such cements. This article features reinforcement strategies of
biocements based on various intrinsic or extrinsic material modifications to improve their strength
and toughness. Altering particle size distribution in conjunction with using liquefiers reduces the
amount of cement liquid necessary for cement paste preparation. This in turn decreases cement
porosity and increases the mechanical performance, but does not change the brittle nature of the
cements. The use of fibers may lead to a reinforcement of the matrix with a toughness increase of up
to two orders of magnitude, but restricts at the same time cement injection for minimal invasive
application techniques. A novel promising approach is the concept of dual-setting cements, in which
a second hydrogel phase is simultaneously formed during setting, leading to more ductile cement–
hydrogel composites with largely unaffected application properties.
Reprinted from Materials. Cite as: Geffers, M.; Groll, J.; Gbureck, U. Reinforcement Strategies for
Load-Bearing Calcium Phosphate Biocements. Materials 2015, 8, 2700-2717.
1. Introduction
Self-setting cements based on calcium phosphate chemistry combine the advantages of the high
biocompatibility of calcium phosphates with the free mouldability of cements and the mechanical
stability of ceramic implants [1,2]. Such calcium phosphate cements (CPC) are usually based on
freshly prepared mixtures of crystalline or amorphous calcium orthophosphate, calcium hydroxide or
calcium carbonate powders with an aqueous solution, which undergo setting in a continuous
dissolution–precipitation reaction. Although various mixtures of calcium and phosphate sources
can serve as raw materials, there are in principle only two cement types as products of the setting
reaction: At neutral or basic pH the calcium phosphate cement sets to nanocrystalline hydroxyapatite
(HA, with a variable stoichiometric composition between Ca9(PO4)5HPO4OH–Ca10(PO4)6(OH)2),
while at low pH < 4.2, orthophosphate ions are protonated and the secondary phosphates brushite
(CaHPO4·2H2O, DCPD) and monetite (CaHPO4, DCPA) are the least soluble calcium phosphates
[3,4] and hence precipitated during setting of acidic cement pastes until an end pH of close to
5 [1,2,5–7]. Detailed reviews about CPCs reflecting their synthesis, setting reaction, rheological
properties or biological performance can be found in literature [2,8,9]. CPC are resorbed in vivo and
replaced by new bone tissue [10,11], whereas the speed of degradation depends on the final
composition of the cement matrix. Hydroxyapatite forming cements degrade only slowly within
years since the surrounding extracellular fluid ([Ca 2+] ~ 2.5 mmoL/L, [HPO42í] ~ 1 mmoL/L [12]) is
supersaturated regarding HA (solubility of hydroxyapatite ~ 0.2–0.3 mg/L) [2]. HA forming cements
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degrade solely by osteoclastic bone remodeling, which is limited to surface degradation since cells
cannot penetrate the microporous cement structure. Osteoclastic cells resorb the cement by providing
a local acidic environment increasing the solubility of the mineral [13–16]. In contrast, cements
forming brushite or monetite have a higher solubility (calculated solubility in water for monetite: 41–
48 mg/L, brushite: 85–88 mg/L [17]) and many studies have demonstrated the bone remodelling
capacity of such cements in various animal models within a time period of 8–52 weeks [18–21].
A passive resorption of such cements by simple chemical dissolution is a topic of contention in
the literature, whereas some authors postulate that the extracellular liquid is in equilibrium with
brushite [22], while others have calculated a thermodynamic instability of brushite in simulated body
fluid [23]. The latter is supported by the fact that brushite forming cements are indeed dissolved in
vivo even in the absence of osteoclastic cells (e.g., after intramuscular implantation) [24]. Worth
noting is that for brushite forming cements a phase transformation into lower soluble minerals
like octacalcium phosphate, hydroxyapatite or whitlockite can occur in vivo by a dissolution–
reprecipitation reaction, which slows down biodegradation [25,26].
Calcium phosphate bone cements have been shown to provide compressive strength of up to
80 MPa measured under application near conditions without a precompaction of the cement paste
leading to lower porosity/higher strength, since this is not applicable under in vivo conditions [27].
Set CPC can be considered as porous ceramic materials with an inherent brittleness and
comparatively low flexural strength compared to natural hard tissues such as bone or teeth. A
comprehensive characterization of the elastic and failure properties for both hydroxyapatite and
brushite forming CPC by Charrière et al. [28] indicated brushite cements to be suitable as bone
fillers, while hydroxyapatite cements were attributed to having the potential to be a structural
biomaterial. The low fracture toughness restricts the use of CPC to non-load-bearing defects [29].
Typical applications are the treatment of maxillofacial defects or deformities [1] or the repair
of craniofacial defects [30]. An extension of the application of calcium phosphate cements to
load-bearing defects, e.g., in vertebroplasty or kyphoplasty [31–33], would require less brittle
cements with an increased fracture toughness. This is of high interest since the application of
commonly used polymeric cements have strong drawbacks near the spinal cord due to their strong
exothermic setting reaction and cytotoxic monomer release [34–36]. Common approaches to reduce
brittleness of CPC and to improve their mechanical performance for load-bearing applications cover
the modification of the cement liquid with polymeric additives such as collagen [37–40], the addition
of fibres to the cement matrix [41,42] or the use of dual-setting cements in which a dissolved monomer
is simultaneously cross-linked during cement setting [43–45] (Figure 1). This article aims to feature the
most significant reinforcement strategies for calcium phosphate cements based on either intrinsic
(porosity) or extrinsic (fiber addition, dual setting cement) material modifications.
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Figure 1. Strategies to reinforce mineral biocement for load-bearing applications.
2. Porosity Reduction for Strength Improvement of CPC
Calcium phosphate biocements set by a dissolution–precipitation reaction, during which the
cement raw material continuously dissolves to form a supersaturated solution with regard to the
setting product. The latter is precipitated from the aqueous cement phase and forms an entangled
cementitious crystal matrix. The mechanical strength of a cement matrix is a direct result of this
crystal entanglement and several factors determine the final strength of the matrix, such as degree of
conversion, setting product or porosity. The latter is likely the most important factor and it is known
from literature that porosity reduction in cements from 50% to 31% by compression can increase
compressive strength by nearly an order of magnitude [46]. Porosity in biocements predominately
originates from the presence of unreacted cement liquid after setting located in the voids between the
entangled crystal matrix. Since any excess of water used for paste mixing, which is not consumed
during the setting reaction creates porosity, the main influencing parameter on the total cement
porosity is the powder to liquid ratio (PLR) used for cement processing. Pore sizes in CPC typically
have a diameter range spanning from a few nanometers to several micrometers [47,48] and are occupying
about 22–55 vol% of cements without further paste manipulation (e.g., compaction, porogen
addition) [49,50]. Generally, pores in hydroxyapatite cements are smaller than in brushite cements
(due to smaller crystal size of HA), whereas the total porosity is mostly smaller for brushite cement.
The latter is a result of an increased water consumption during brushite cement setting.
Porosity considerably lowers the strength and stiffness (Young’s modulus) of the cements matrix
with an inverse exponential relationship between cement porosity and compressive strength:
CS = CS0exp~2KP
(1)
where CS is the compressive strength at a given porosity; CS0 is the maximum theoretical strength
of the material; K is a constant; and P is porosity [46]. Porosity is usually measured by helium
pycnometry [51], mercury intrusion porosimetry (MIP) [52] or it is calculated based on the phase
composition of the set cements and their densities [53]. Due to the disadvantages of these methods
(destructive, long analysis times, toxicity of mercury, misleading results due to amorphous phases),
Unosson et al. [54] have investigated a method which is based on the assumption that the evaporated
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water from a dried cement sample equals to the volume of pores within the cement. Since the
accuracy of this method depends on a quantitative drying of samples without affecting the phase
composition, the authors evaluated several drying conditions (vacuum, elevated temperature) for
cement samples and compared the results with porosity determined by the above mentioned methods.
Since the measured porosity was found to vary between the different methods, the authors recommended
using more than one method to determine cement porosity, whereas the water evaporation method
(24 h in vacuum) proved to be fast, easy and precise in estimating the porosity of CPCs.
Porosity reduction by decreasing the amount of cement liquid used for mixing is a key parameter
to increase the intrinsic strength of any biocement matrix. This, however, is limited, since every
cement powder requires a formulation specific minimum amount of water (“plastic limit”) for
surface wetting of all cement particles and for filling the space between the particles [55]. A
correlation between the powder to liquid ratio used for forming a cement paste and the resulting
porosity/compressive strength is displayed in Figure 2 for both HA and brushite forming cements.
An effective method to reduce cement porosity is based on both creating a bimodal size distribution
of cement raw materials and the creation of a high surface charge (zeta-potential) of the particles.
A bimodal size distribution is thought to fill space in cement pastes normally occupied by water.
The possibility to reduce porosity has been demonstrated for both hydroxyapatite [27] and
brushite [49,50] forming biocements. In addition, a high surface charge (zeta-potential) will help to
disperse agglomerates of fine sized particles by reducing attractive interparticulate forces. The
zeta-potential can be influenced by using multiple charged ions as additives to the cement liquid,
e.g., tatrates or citrates [56], which adsorb at the particle surface and increase the zeta-potential to
values of ~í40 to í50 mV. Applying these two principles to a matrix of Į-tricalcium phosphate
(monomodal size distribution with d50 ~9.8 m) by using 13–33 wt% fine sized CaHPO4 filler
(d50 ~ 1.16 ȝm) and 0.5 M trisodium citrate solution increase the plastic limit of the cements from 3.5
to 5.0 g/mL. At the same time, porosity was decreased from 37% to 25% and a strength improvement
from 50 to 79 MPa could be found [27]. Another study by Engstrand et al. [49] investigated the effect
of ȕ-TCP filler particles on the mechanical properties of a brushite forming cement (ȕ-TCP-MCPM
system). The results showed that the addition of low amounts of a filler (up to 10%) in combination
with 0.8 M citric acid solution can effectively increase the powder to liquid ratio and hence decrease
porosity from ~30% to ~23%. This strongly affects compressive strength of the cements with an
increase from ~23 MPa (no filler and citric acid) to ~42 MPa. Space in cement pastes may also
be filled by using hard agglomerates similar to civil engineering Portland cements as shown by
Gu et al. [57]. In this study, the dispersion of 20% high-strength ȕ-tricalcium phosphate granules
with a size of 200–450 ȝm in the cement showed an increase of the compressive strength by 70%,
while maintaining the rheological properties (injectability through 2.2 mm needle by applying a 5 kg
weight on the syringe plunger) of the cement paste.
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Figure 2. Correlation between powder to liquid ratio and porosity/compressive strength
for (a) hydroxyapatite and (b) brushite cement from different studies. Cements were
either set without compacting manipulation (untreated), processed by pre-compaction
or porogens were added to create artificial macroporosity. Data were obtained from: (a) del
Real 2002 [58], Espanol 2009 [47], Vorndran 2013 [59], Gbureck 2005 [27],
Lopez-Heredia 2012 [60], Barralet 2003 [61], (b) Cama 2009 [62], Grover 2003 [51],
Hofmann 2009 [50], Engstrand 2014 [49], Unosson 2015 [63], Barralet 2003 [64].
Caution must be exercised when comparing the obtained strength values from different studies,
since many parameters during cement sample preparation and testing can affect the results. Unlike
polymeric polymethylmethacrylate (PMMA) based bone cements [65], testing of calcium phosphate
bone cement is not regulated, and our own experiences show that strength of set cement can vary by
several times depending on the sample preparation and testing conditions. Generally, strength of
dried samples is superior to that of (application near) wet specimen, mainly because water acts as a
lubricant between the entangled crystals of the precipitated matrix. In addition, sample preparation
may cause changes of cement porosity, e.g., by precompacting the paste in a mold. This ejects liquid
from the paste (through the narrow gap between mold and plunger) leading to a lower porosity and
hence a higher strength compared to uncompacted samples [61,66,67].
3. Fiber Reinforcement of CPC
Similar to reinforcement approaches of sintered hydroxyapatite ceramics [68], the addition of
fibers to CPC is one of the most successful reinforcement technique [41,69]. The mechanical
behavior of such fiber reinforced calcium phosphate cements (FRCPC) is a result of the complex
interaction between all of the composite constituents. Contributions to the macroscopic behavior
come from strength and stiffness of both fiber and cementitious matrix, matrix toughness,
mechanical interaction between fibers and matrix as well as supplementary effects of polymeric
additives or aggregates [69].
Fiber reinforcement studies have been performed with many different types of fibres (degradable
vs. non-degradable, see Table 1 showing a strong increase of the mechanical strength depending
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on several parameters such as (1) matrix composition and strength, (2) fibre volume fraction,
orientation, aspect ratio and tensile modulus as well as (3) the interface properties between matrix
and fibres [69]. In addition to an increase of the bending strength from approx. 10–15 MPa for pure
CPC to a maximum strength of 45 MPa (polyglactin fibers)—60 MPa (carbon fibers), especially the
work of fracture for fiber reinforced cement composites usually increases by at least one order of
magnitude (Table 1).
As illustrated in Figure 3, there is not only a complex interaction of factors, but in clinical
application the properties of the fiber–cement composites are also time dependent since both the
cement matrix and the fibers may degrade during tissue regeneration.

Figure 3. Interaction of material parameters which influence the time dependent
mechanical behavior of the FRCPC composite. Reprinted with permission from [69].
Generally, the load-bearing capacity of fibers increases with their Young’s modulus, whereas the
maximum tensile stress within the fiber is determined by the fiber’s modulus and the matrix strain [70]:

V max
f

Ef Hm

(2)

When the composite is loaded, differences between Young’s moduli of fiber and matrix lead
to additional strain near the interface, mainly in the softer material [71]. The diameter of the fibers
directly influences the total interface area between fibers and matrix for a given fiber volume fraction
and affects both homogeneity and processability of the fiber–cement mixtures. Most biomedical
composites are reinforced by discontinuous fibers. Their length and diameter are of great relevance,
since substantial load has to be transferred from the matrix to the fiber via the interface for
a reinforcing effect. Load is predominantly transferred by shear stresses at the lateral surface of the
fibers rather than via the end faces of the fibers. Reinforcement effects are only observed, if the fiber
length exceeds a critical value lc, which can be calculated based on the assumption that the fiber is
loaded up to the fracture strength:
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where ıfB and Ĳi denote fracture strength of the fiber and shear stress at the interface and d is the
diameter of the fiber. Optimum fiber volume content has been addressed by many researchers.
Civil engineering concretes typically are reinforced with <5 vol% of steel, glass, natural or synthetic
polymer fibers [72]. In many studies on medical FRCPC, the fiber content is one order of magnitude
higher than in fiber reinforced cements for civil engineering. This is attributed to a frequently
observed trend in FRCPC research [73–75] that strength and ductility of the composites increased
with fiber content. Moderate load transfer due to non-optimized interface strength and low modulus
of the fibers require such high fiber volume fraction. Furthermore, fiber costs are not such a limiting
factor, at least in the research stage.
Table 1. Examples for the reinforcement of calcium phosphate cements with either
degradable or non-degradable fibres. (3 p.b.: Three point bending, 4 p. b.: Four point bending.
#
UD: Unidirectional fibers. TTCP: Tetracalcium phosphate. HAw: Hydroxyapatite
whiskers) [69].
Composition Fiber/Additive/Matrix

Fiber Volume

Strength

Work of

Test

Fraction

[MPa]

Fracture [kJ/m²]

Method

Ref.

DEGRADABLE FIBRES
HA matrix (TTCP + DCPA

-

10–15

0.032–0.05

3 p. b.

[76,77]

Polyglactin 910/-/HA (TTCP + DCPA)

25 vol%

17.5–25

2.6–3.6

3 p. b.

[76]

Polyglactin 910/-/HA (TTCP + DCPA)

Mesh multilayer

8.5–24.5

0.75–3.1

3 p. b.

[78]

45 vol%

41

11

3 p. b.

[74]

Mesh multilayer

43

9.8

3 p. b.

[79]

7.5–20

n.a.

4 p. b.

[80]

(+ Na2HPO4 í solution))

Polyglactin 910/chitosan lactate/HA
(TTCP + DCPA)
Polyglactin 910/chitosan lactate/HA
(TTCP + DCPA)
Polyglactin 910/(poly(caprolactone))/

24 vol% random short

brushite (ȕ-TCP + H3PO4)

6–25 long fibers UD #

NON-DEGRADABLE FIBRES
Carbon/-/HA (TTCP + DCPA)

2–10 vol%

32–60

3.5–6.5

3 p. b.

[72]

CNT/-/HA (Į-TCP + HA)

0.2–1.0 wt%

8.2–10.5

n.a.

3 p. b.

[81]

6 vol%

7.5–13.5

0.8–6.5

3 p. b.

[75]

10–40 vol%

5.4–7.4

57–102

4 p. b.

[82]

Aramid/-/macroporous HA
(TTCP + DCPA + Na2HPO4)
HAw/-/HA (TTCP + DCPA)

Biodegradable polylactic-co-glycolic acid (PLGA) is one of the most frequently used
reinforcement fiber materials for CPC. For a high fiber volume, considerable increase in bending
strength has been reported, e.g., from 2.7 MPa (unreinforced CPC) to 17.7 MPa for CPC with
45 vol% polyglactin fibers [74]. This strengthening effect can be further enhanced to 40.5 MPa
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by incorporation of chitosan lactate into the matrix. The synergistic strengthening of the CPC by
chitosan and fibers together is stronger than from either suture fibers or chitosan alone [74], which
was explained by both a much stronger cement matrix after chitosan incorporation supporting
the suture fibers to better resist cracking as well as an improved suture-matrix bonding [72,74].
Generally, strength increases with length to diameter aspect ratio of fibers, whereas occurrence of fiber
aggregation leading to inhomogenities in fiber distribution represents the practical upper limit for the
aspect ratio. Xu and co-workers [72] systematically varied the length of carbon fibers in HA cement and
found a continuous increase of strength between 3 and 75 mm fiber length (aspect ratio of 1000 and
9000), which was followed by a strength decrease for 200 mm long fibers (aspect ratio 25,000).
While the use of such long fibers strongly alters the workability of cement pastes and impedes a
minimal invasive application by injection, cement pastes filled with short fibers have been demonstrated
to maintain their injection properties up to a fiber length of 1 mm and a fiber volume of 7.5% [83].
Cements may also be modified by using fiber meshes instead of single fibers, especially in cases
where biomechanical stresses will primarily be oriented linearly or biaxially to the cement implant.
Meshes provide a strength enhancement (in linear or biaxial direction) beyond that of randomly
directed fibers and have the advantage that even thin bony structures (e.g., malar, orbital bones) or
extensive cranial deficiencies can be reconstructed [30,78,84]. Von Gonten [30] could demonstrate
that such a polyglactin mesh–CPC composites have a similar work of fracture to PMMA cements up
to seven days’ immersion in a buffered electrolyte, which was considered to have potential for
structural repair of bone defects.
Most of the studies about FRCPC deal with both non-degradable fibers and with a poorly soluble
hydroxyapatite cement matrix (see Table 1 and references [41,69]). This will initially result in long
term stable cement composites with only minor changes of mechanical properties. However, even
the slow matrix degradation by osteoclastic cells will dissect fibers in a longer time frame, which will
be encapsulated in newly formed tissue with the possibility of foreign body reactions. Especially,
approaches using technical fiber types (e.g., carbon fibers) or even carbon nanotubes are questionable
regarding this point due to their low biocompatibility. The use of degradable fibers in FRCPC may
solve this problem and the in vivo behavior of such FRCPC has been proven in various studies and is
part of a recent review article by Krüger et al. [69]. However, at the same time, the use of degradable
fibers will result in a time dependent loss of the reinforcement effect due to dissolution of the fibers
in an aqueous environment. This effect of fiber degradation on the composite strength was simulated
for polyglactin/PLGA fiber material by immersion of reinforced hydroxyapatite cement in a
simulated physiological solution [73,74]. These studies confirmed a strength decrease of the reinforced
composite after 4–6 weeks’ immersion [73], which could be compensated by a simultaneous
chitosan infiltration of the cement matrix [74]. As a solution to the above mentioned problems of
either a loss of mechanical properties during fiber degradation or the release of non-degraded fibers,
the different degradation kinetics of fibers and cement matrix need to be adjusted. An approach is the
use of more degradable cements based on the formation of dicalcium phosphate dehydrate (brushite)
in conjunction with PLGA fibers [82]. Other promising works are dealing with degradable
magnesium phosphate cements, which are reinforced with magnesium metal wires [85]. Especially,

85
the latter provides strong reinforcement effects with a maximum bending strength of the composites
of 139 MPa.
4. Dual Setting Cements
While the addition of non-reactive polymers (e.g., collagen, chitosan, hyaluronic acid, cellulose
derivates) [37–39,86,87] is commonly used for improving cement cohesion or biological performance,
it is only of small benefit for the mechanical cement performance. A reduction of the brittleness of
CPC and an increase of strength can be achieved by using polymeric compounds which can be
cross-linked by binding calcium ions due to a high density of either carboxylic acid or organic
phosphate moieties in the polymer chain, e.g., polyacrylic acid [88–92], polymethyl vinyl ether maleic
acid [89,93], poly[bis(carboxylatophenoxy)phosphazene] [94] or poly(vinyl phosphonate) [95]. Such
polymer modified cements set both by the aforementioned dissolution–precipitation mechanism as
well as by deprotonating the organic acid following the formation of intra- or inter-chained bonding
Ca2+–Acid chelates [94] with a highly reactive cement component (mostly tetracalcium phosphate)
from the cement powder. Processing of such polymer–cement composites is either possible by reacting
an aqueous solution at ambient conditions with the cement powder or by reacting dry cement/polymer
mixtures at elevated temperature/pressure in a solid state reaction.
An alternative approach is the use of reactive monomer systems, which are dissolved in the
cement liquid and simultaneously react during cement setting by a gelation–polymerisation process.
This forms within several minutes a hydrogel matrix with embedded cement particles, which are
subsequently converted into the setting product by a continuous dissolution–precipitation reaction.
The result is finally an interconnecting hydrogel matrix within the porous cement structure as shown
in Figure 4. The advantages of this strategy are the possibility of a high polymer loading of the
cement (and hence a large strength and toughness increase) as well as practically unchanged
rheological properties of the fresh cement paste. Both are related to the fact that the dissolved
monomers are commonly small, water miscible liquids with low viscosity such that even high
monomer concentrations are not strongly altering the initial cement viscosity.
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Figure 4. Hardening mechanism of dual-setting cements with the formation of
interconnected matrices of hydrogel and precipitated cement crystals.
An early study regarding this concept was using mixtures of triethyleneglycol-dimethacrylate
(TEGDMA), Bisphenol-A-dimethacrylate (Bis-GMA), hydroxyethylmethacrylate (HEMA)
and 10% water as cement liquid. After adding this liquid to an equimolar mixture of TTCP and
DCPA, polymerization was initiated by benzoylperoxide (coating on cement particles) and
di-(N,N)-2-hydroxyethyl-p-toluidine (added to the cement liquid) [96]. Although this study revealed
high diametral tensile strengths of up to 26 MPa for such composites, no hydroxyapatite formation of
the cement was observed even after 30 d storage in water. This was attributed to the low water
content of the cement liquid as well as to an adsorption of the hydrogel on TTCP/DCPA cement
particles. This problem was overcome by Dos Santos et al. [43,44,97], who modified the cement liquid
of an Į-tricalcium phosphate cement by the addition of 5%–20% acrylamide and 1% ammonium
polyacrylate. While the latter was used to increase initial cement viscosity and to reduce cement wash
out in an aqueous environment, the acrylamide was chemically polymerised during cement setting by
the use of 0.25% of N,N,N',N'-tetramethylethylenediamide (TEMED) and 0.01% ammonium
persulfate. This modification doubled the compressive strength of the set cement from 25–50 MPa
while the tensile strength was increased from 9 MPa to <21 MPa. At the same time, the high water
content of the cement liquid enabled setting of Į-TCP cement particles to calcium deficient
hydroxyapatite within seven days. A follow up study by the same authors extended the approach to a
fiber reinforced–double setting cement matrix [43] by using 1–4 wt% of 4–10 mm long carbon,
nylon and polypropylene fibers. The addition of the fibers was found to reduce the compressive
strength of the cement, which was attributed to an increase of porosity. However, this was compensated
by strong increase of the cement toughness and tensile strength, which increased from 17–28 MPa.
A major concern about this matrix is the toxicity of non-reacted acrylamide monomer.
To overcome this problem, Christel el al. [98] investigated the modification of alpha-tricalcium
phosphate cement (Į-TCP) with 30%–70% of less-toxic 2-hydroxyethylmethacrylate (HEMA),
which also resulted in mechanically stable polymer-ceramic composites with interpenetrating
organic and inorganic networks. Four-point bending strength was found to increase from 9 MPa
to more than 14 MPa when using 50% HEMA, and the bending modulus decreased from 18 GPa to
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approx. 4 GPa. In addition, cement composites with 50% HEMA showed strongly reduced brittle
fracture behaviour with an increase of the work of fracture by more than an order of magnitude. While
bending of pure ceramic samples was possible only to a maximum of 0.07 mm, samples with 50% or
more HEMA monomer had a higher flexibility and bending was possible for 0.4–1.5 mm until
fracture. At the same time, the authors could prove that important cement characteristics such as
compressive strength or injectability were not significantly altered by using HEMA modification.
Another study by Wang et al. [45] used methacrylate modified dextran as monomer in a cement
matrix of tetracalcium phosphate/dicalcium phosphate anhydrous in a weight ratio of 10:1—1:3
(CPC: Meth.-dextran). The results showed an increase of the compressive strength from 24–83 MPa
for a polymer content of 16.7%, as well as improvement of the fracture energy by nearly two orders of
magnitude from 0.084–8.35 kJ·mí2.
Apart from using organic monomers to form a second network in cements, it is also possible
to apply the concept of dual setting cements to pure inorganic materials. Silica addition to CPC is
a common approach to modify bioactivity, cement paste cohesion and mechanical cement
properties [99,100]. However, most studies either used non-reactive silica fillers in cements [101–103]
or they added non-reactive calcium phosphate particles to an in situ forming silica matrix prepared by
sol-gel processing [104–106]. In contrast, Geffers et al. [48] modified a brushite forming cement paste
with a second inorganic silica based precursor, which was obtained by pre-hydrolysing tetraethyl
orthosilicate (TEOS) under acidic conditions. The addition of the cement powder (mixture of
ȕ-tricalcium phosphate and monocalcium phosphate) provoked an increase of the pH of the silica
precursor such that cement setting by a dissolution–precipitation process, and the condensation
reaction of the hydrolysed TEOS occurred simultaneously. This resulted in an interpenetrating phase
composite material in which the macro pores of the cement (pore sizes in ȝm range) were infiltrated
by the micro porous silica gel (pore sizes in nm range), leading to a higher density and a compressive
strength approximately 5–10 times higher than the CPC reference.
5. Conclusions and Outlook
This article features reinforcement strategies of biocements to improve their strength and
toughness for an application at load-bearing defect sides. While porosity reduction is based on the
optimization of an intrinsic cement property leading to higher strength, the addition of fibers or the
creation of dual setting cement matrixes are extrinsic approaches not only improving strength but
also toughness of the matrix. Surprisingly, most studies devoted to the mechanical properties of
calcium phosphate biocements only deal with one of the presented strategies. Here, the simultaneous
application of the different methods will definitely bring further improvements such that those
optimized cements can likely be applied for load bearing defects. Desired mechanical properties
would be likely similar to those of polymeric PMMA cements (bending strength 50 MPa, bending
modulus 1800 MPa) compressive strength 70 MPa according to ISO 5833:2002 [107]), whereas
few studies have already reached or even exceeded one of these parameters [27,85]. However,
practically all strength values for CPC in literature were obtained by test methods under static
conditions and there are only few reports dealing with the fatigue properties of calcium phosphate
cements in load-bearing defect models [108,109]. Hence, testing of cement strength under cyclic
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loading is one of the most important parameters which needs to be addressed in future research. In
addition, since most of the studies on mechanically reinforced biocements were performed with only
slowly degradable hydroxyapatite cement matrices and poorly or even non-degradable additives
(fibers, polymers), the major challenge for the future is a transfer of the presented concepts to fully
degradable materials. This is demanding since degradable cements based on the formation of
brushite have harsh setting conditions (low pH, heat release, fast crystallization) and consume a
considerable amount of water during setting. Especially, the latter may interfere with the formation
of a second hydrogel phase, since the formation of hydrogel and hydrated cement setting product will
compete for the available water in the cement liquid.
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Mechanical Properties and Cytocompatibility Improvement
of Vertebroplasty PMMA Bone Cements by Incorporating
Mineralized Collagen
Hong-Jiang Jiang, Jin Xu, Zhi-Ye Qiu, Xin-Long Ma, Zi-Qiang Zhang, Xun-Xiang Tan,
Yun Cui and Fu-Zhai Cui
Abstract: Polymethyl methacrylate (PMMA) bone cement is a commonly used bone adhesive and
filling material in percutaneous vertebroplasty and percutaneous kyphoplasty surgeries. However,
PMMA bone cements have been reported to cause some severe complications, such as secondary
fracture of adjacent vertebral bodies, and loosening or even dislodgement of the set PMMA bone
cement, due to the over-high elastic modulus and poor osteointegration ability of the PMMA. In
this study, mineralized collagen (MC) with biomimetic microstructure and good osteogenic activity
was added to commercially available PMMA bone cement products, in order to improve both the
mechanical properties and the cytocompatibility. As the compressive strength of the modified bone
cements remained well, the compressive elastic modulus could be significantly down-regulated by
the MC, so as to reduce the pressure on the adjacent vertebral bodies. Meanwhile, the adhesion and
proliferation of pre-osteoblasts on the modified bone cements were improved compared with cells
on those unmodified, such result is beneficial for a good osteointegration formation between the
bone cement and the host bone tissue in clinical applications. Moreover, the modification of the
PMMA bone cements by adding MC did not significantly influence the injectability and processing
times of the cement.
Reprinted from Materials. Cite as: Jiang, H.-J.; Xu, J.; Qiu, Z.-Y.; Ma, X.-L.; Zhang, Z.-Q.;
Tan, X.-X.; Cui, Y.; Cui, F.-Z. Mechanical Properties and Cytocompatibility Improvement of
Vertebroplasty PMMA Bone Cements by Incorporating Mineralized Collagen. Materials 2015, 8,
2616-2634.
1. Introduction
Vertebral compression fractures (VCF) are one of the most common fractures for the elders
with osteoporosis. In the United States, it was reported that about 25% of postmenopausal women
suffered from VCF, and such morbidity rate was estimated to be 40% for those women over
80 years old [1]. With the current accelerated trend of the aging of the world population, the
occurrence of VCF will continue increasing. Besides osteoporosis, VCF can also be induced by other
disease, such as osteogenesis imperfecta [2], spinal tumors [3], and so on.
Percutaneous vertebroplasty (PVP) and percutaneous kyphoplasty (PKP) are the major applications
of the polymethyl methacrylate (PMMA) bone cement in the treatment of VCF. In either PVP or
PKP, the bone cement is injected into the vertebral body for the augmentation of the fractured
vertebral body. The immediate effect and safety of the PMMA bone cements used in PVP and PKP
have been deeply investigated and verified by long-term clinical practices. However, existing
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commercially available PMMA bone cement products for PVP and PKP have been reported to cause
some complications, mainly includes secondary fractures of the adjacent vertebral bodies, and
loosening or even dislodgement of the set PMMA bone cement, due to the high elastic modulus
and bioinert of the PMMA.
The compressive elastic modulus of normal human vertebral body is 50–800 MPa [4–6], while
the PMMA bone cements form hard solid body with an elastic modulus of 2000–3700 MPa [7,8],
which is much higher than that of normal human vertebral body. The vertebral body filled with
PMMA bone cement has a significantly higher stiffness than the adjacent segments, and the
resulting stress concentration will easily cause secondary fracture on adjacent vertebral bodies and
endplate near the surgical segment [9,10]. The incidence of the secondary fracture of the adjacent
bodies after PVP and PKP was reported as high as 7%–20% [11], which is 4.62 times than those
occurred on other segments [12].
On the other hand, PMMA is a bioinert material that neither form chemical bonding, nor form
osteointegration with the bone tissue at the implant site [13], resulting in obvious interface and
weak combination strength between the bone cement and the host bone. Micro motion cannot be
avoided under such weak combination in daily activities, and small wear debris produced by the
micro motion would cause osteolysis and further aseptic loosening or even dislodgement of the
bone cement implant [14,15].
A new PVP or PKP surgery, or even more are necessary for the treatment of the secondary fracture
on the adjacent vertebral body, which increase pain and economic burden of the patient. For serious
loosening or dislodgement of the bone cement, further revision surgery is inevitable. Therefore, the
modification of PMMA bone cement for the treatment of VCF is important and extremely urgent
for clinical applications. Many approaches were tried to improve mechanical properties and/or
biocompatibility of the PMMA bone cement by, for example, adding biocompatible hydroxyapatite
(HA) powder, or partially modifying methyl methacrylate (MMA) monomer. However, ideal results
were not achieved by previous reported modification studies, since the compressive strength
decreased too much to meet the requirement of corresponding standard (ISO 5833-2002), or the
compressive elastic modulus increased rather than decreased, or the injectability was limited and is
not available in the use of PVP or PKP.
Mineralized collagen (MC) is a biomimetic biomaterial with the same chemical composition and
hierarchical structures to natural bone tissue. The MC is usually prepared by an in vitro biomimetic
mineralization process that is similar to the formation of natural bone tissue [16,17]. Within the
MC, the organic type-I collagen is orderly arranged with the inorganic nano-sized HA [16]. Many
laboratory studies and clinical practices have demonstrated that the MC could be used to fill bone
defects and is able to promote new bone formation at the bone defect sites [18,19].
In this study, MC particles were added to commercially available PMMA bone cement products
to improve both the mechanical properties and the cytocompatibility. The modification parameters,
including MC particle size range and additive percentage were investigated for each PMMA bone
cement. Injectability, mechanical properties, maximum temperature and setting time were tested to
determine the modification availability and effectiveness. Cell experiments were performed to
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evaluate cytocompatibility improvement of the modification by observing adhesion and quantifying
proliferation of pre-osteoblasts on the modified bone cements.
2. Materials and Methods
2.1. PMMA Bone Cement Products
Three commercially available PMMA bone cement products for PVP and PKP were purchased.
The three products were Osteopal® V (Heraeus Medical GmbH, Hanau, Germany), Mendec® Spine
(Tecres S. P. A., Verona, Italy) and Spineplex™ (Stryker Instruments, Kalamazoo, MI, USA). All
these three bone cements were certified by medical administration of many countries and regions,
and have been used in clinics for many years.
2.2. Preparation of MC Particles
MC particles used for the modification of the PMMA bone cements were made from a
commercially available artificial bone graft “BonGold” produced by Beijing Allgens Medical
Science and Technology Co., Ltd. (Beijing, China). The MC bone grafts were prepared by
following main steps described in [20]. Briefly, water-soluble calcium salt solution and phosphate
salt solution were added into acidic collagen solution to form MC deposition by adjusting pH value
and temperature of the reaction system. This step is a biomineralization process, which was similar
to the mineralization process of the natural bone tissue that the HA crystal nucleation and growth
were directed by collagen molecular templates. The deposition was then collected by centrifugation
and freeze-dried to obtain MC bone graft product.
The MC bone graft was ground into small particles and screened out 4 groups with different
particle sizes by sieving. The particle size range for each group was: <200 ȝm, 200–300 ȝm, 300–
400 ȝm, and 400–500 ȝm, respectively. Since the inner diameter of bone filler device for delivering
bone cement in PVP and PKP are usually 2.5–4.0 mm, MC particles less than 500 ȝm were used in
this modification study.
2.3. Addition Methods of the MC
MC particles with different addition amounts and size ranges were added into the bone cements
for the modification. In our preliminary experiments, too much MC addition (>20wt % of the
powder part of the bone cement) would lead to hard stirring of the bone cement and losing
injectability. Therefore, 4 addition amount groups, 5 wt%, 10 wt%, 15 wt%, and 20 wt% of the
powder part of the bone cement, were studied for each particle size range.
In the modification process, powder and liquid parts of the bone cement were firstly mixed for
30 s to form a uniform flowing phase, and MC particles were then added into with rapid stirring for
30 s to ensure homogeneous distribution within the bone cement. There were two adding methods
for the MC particles. One is direct addition of a certain amount of MC particles, the other is partial
replacement of the powder part of the bone cement by equivalent amount of MC particles.
Specifically, in the replacement method, a portion of the powder part of the bone cement was
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firstly removed, and then the MC particles equivalent to the removed bone cement powder in
weight would be added into the mixed bone cement. The direct addition is preferred since such
operation is convenient for clinical use.
2.4. Injectability of the Modified Bone Cements
A bone filler device with an inner diameter of 2.8 mm (Shanghai Kinetic Co., Ltd., Shanghai,
China) was used to investigate the injectability of the MC modified PMMA bone cements. The
uniformly mixed bone cement was extracted into a 20 mL syringe, injected into the bone filler
device, and then pushed out to determine whether the modified bone cement was injectable or not.
2.5. Mechanical Property Tests
Mechanical properties of the MC modified PMMA bone cements were tested by using a
universal materials testing machine (Instron-5880, Instron, Norwood, MA, USA) according to
annex E and F of ISO 5833-2002. Cylindrical specimens with 6 diameter and 12 mm height were
prepared for compressive strength and compressive modulus tests, and flat plate specimens with
75 mm length, 10 mm width and 3.3 mm depth were prepared for four-point bending strength and
bending modulus tests.
The compressive strength, bending strength and bending modulus for each specimen were
calculated according to related expressions provided by ISO 5833-2002. The compressive modulus
for each specimen was calculated as the slope of the linear region of the stress-strain curve, which
was derived from the displacement-load curve recorded by the testing machine, the height and the
diameter of the specimen.
2.6. Maximum Temperature and Setting Time Tests
Maximum temperature and setting time of the MC modified PMMA bone cement were tested
and recorded as described by annex C of ISO 5833-2002. Briefly, approximately 25 g immediately
mixed bone cement was filled into a polytetrafluoroethylene (PTFE) mold, and the temperature
was measured via a thermocouple and an electronic converting device having an accuracy of
±0.1 °C. The maximum temperature would be directly recorded by the electronic converting
device, and the setting time was determined as the time corresponding to the average value of the
maximum and the ambient temperature [21]. The best modification solution screened by above
mechanical property tests was tested for each PMMA bone cement product, and the two parameters
of each unmodified original product were also tested as the control. The tested were performed at
23 °C and relative humidity of 50%.
2.7. Processing Times Tests
Processing times are of importance for clinical operation of the bone cements by a surgeon.
The processing times consisted of four phases, including mixing, waiting, application, and setting.
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In this study, processing times were tested for each bone cement before and after the modification
to investigate the influence of the MC addition on the operation properties of the bone cements.
The measurement principles for the four phases were as follows:
Mixing time: time for completely mixing of the powder part and liquid part of the bone cement,
as well as the MC particles;
Waiting time: time from the bone cement being extracted in to the syringe to being suitable for
the injection;
Application time: time from the bone cement being applicable to being hard to inject;
Setting time: time from the injection of the bone cement to it become hardened.
2.8. In Vitro Cytocompatibility Evaluation
Cytocompatibility improvement of the MC modified bone cement were evaluated by culturing
pre-osteoblasts on modified and unmodified Osteopal® V and Mendec® Spine bone cements. The use
of these two bone cements was because that they contained different contrast agents, Osteopal® V
contained ZrO2 and Mendec® Spine contained BaSO4 in their respect powder part. A clonal
osteogenic cell line derived from newborn mouse calvarias, MC3T3-E1 (purchased from Cell Bank
of Chinese Academy of Sciences, Shanghai, China), was used in this cytocompatibility evaluation.
The cells were cultured in Dulbecco’s Modified Eagle Medium (DMEM) with 10% fetal bovine serum
(FBS), 100 U/mL penicillin and 0.1 mg/mL streptomycin at 37 °C in an incubator with 5% CO 2.
To prepare bone cement samples for cell culturing, the modified and unmodified bone cements
were injected into respective 5 wells in a 96-well plate with 0.1 mL per well, immediately after all
the components were fully mixed together. After setting for 24 h, cells were seeded on the set bone
cements by adding 100 ȝL cell suspension into each well at a concentration of 1 × 105 cells/mL.
Wells without bone cement were seeded with cells as the control group. Four such 96-well plates
were maintained at 37 °C in an incubator with 5% CO2, and the culture medium was replaced by
fresh medium 1, 3, 5 and 7 days after the cell seeding.
Cell proliferation on both modified and unmodified PMMA bone cements were tested by cell
counting kit-8 (CCK-8, Dojindo, Japan) at the 1st, 3rd, 5th and 7th day after cell seeding. At each
time point, one 96-well plate was randomly selected after refreshing culturing medium, and 10 ȝL
of CCK-8 solution was added into each well. After 2 h incubation at 37 °C, 100 ȝL solution of each
well was transferred to another 96-well plate. Optical density (OD) values at 450 nm of all the
wells were measured by a microplate reader (Bio-Rad, Model 680, Hercules, CA, USA).
Cytocompatibility improvement of the modified bone cement was also studied by observing cell
attachment on the bone cements before and after the modification. The bone cement samples used
for SEM observation of cell attachment were discs with 10 mm diameter and 2 mm thickness. The
cell attachment was observed by scanning electron microscopy (SEM; FEI Quanta 200, Hillsboro,
OR, USA) 48 h after cell seeding. Samples for the SEM observation were prepared as follows:
bone cement samples with the cells were washed with phosphate buffer saline (PBS) to remove
any non-adherent cells, and fixed in 2.5% glutaraldehyde in PBS for 24 h; the samples were then
dehydrated in ascending series of ethanol solution from 50% to 100% and stored in frozen
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tert-butyl alcohol (TBA); followed by thoroughly freeze-drying, cell samples were sputter-coated
with nano gold particles and observed by SEM.
2.9. Statistical Methods
The results were compared using standard analysis of Student’s t-test and expressed as
means ± SD. p < 0.05 was considered statistically significant.
3. Results
3.1. Injectability of the Modified Bone Cements
Tables 13 list the injectability of the MC modified bone cements. The symbol “ż” refers to
injectable, and “×” refers to uninjectable. The expression “100/x” means the direct addition
method, and “(100 í x)/x” means the replacement method.
Table 1. The injectability of the MC modified Osteopal® V bone cement.
Powder part of the bone cement/MC particle (w/w)

Particle size
(ȝm)

100/0

100/5

100/10

100/15

100/20

95/5

90/10

85/15

80/20

<200

ż

ż

×

×

×

ż

×

×

×

200–300

ż

ż

×

×

×

ż

ż

ż

×

300–400

ż

ż

ż

×

×

ż

ż

ż

ż

400–500

ż

ż

ż

×

×

ż

ż

ż

×

Table 2. The injectability of the MC modified Mendec® Spine bone cement.
Powder part of the bone cement/MC particle (w/w)

Particle size
(ȝm)

100/0

100/5

100/10

100/15

100/20

95/5

90/10

85/15

80/20

<200

ż

ż

×

×

×

ż

×

×

×

200–300

ż

ż

ż

ż

×

ż

ż

ż

ż

300–400

ż

ż

ż

ż

×

ż

ż

ż

ż

400–500

ż

ż

ż

ż

×

ż

ż

ż

ż

Table 3. The injectability of the MC modified Spineplex™ bone cement.
Powder part of the bone cement/MC particle (w/w)

Particle size
(ȝm)

100/0

100/5

100/10

100/15

100/20

95/5

90/10

85/15

80/20

<200

ż

ż

×

×

×

ż

×

×

×

200–300

ż

ż

ż

×

×

ż

ż

ż

×

300–400

ż

ż

ż

ż

×

ż

ż

ż

×

400–500

ż

ż

ż

ż

×

ż

ż

ż

×

The results show that either small particles or high MC addition amount largely affected the
injectability of the bone cement. For Osteopal® V bone cement, the equivalent placement method
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less influenced the injectability than the direct addition method. Once a MC modified bone cement
was extracted into the syringe, it can easily be injected into the bone filler device and then be
pushed out.
3.2. The Appearance of the Modified Bone Cements
Figure 1 shows the appearance of the unmodified and MC modified Spineplex™ bone cement.
MC particles were homogeneously dispersed in the polymerized PMMA without obvious
aggregation or vacancy, indicating that the MC particles were mixed well within the bone cement
during flowing phase and MC was compatible with the PMMA material. The homogeneity of the
MC modified bone cement ensures uniform mechanical properties throughout the bone cement,
thus avoiding stress concentration in clinical applications.

Figure 1. Appearance of the (a) unmodified PMMA bone cement and (b) MC modified
PMMA bone cement.
3.3. Mechanical Properties of the Modified Bone Cements
3.3.1. Mechanical Properties of the Modified Osteopal® V Bone Cement
For Osteopal® V bone cement, partial replacement of the powder part of the bone cement
by equivalent 400–500 ȝm MC particles kept injectable. Therefore, mechanical properties of
different amount of 400–500 ȝm MC modified bone cement were tested, so as to screen out the
best modification resolution. The compressive strength and modulus are shown in Figure 2.
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Figure 2. (a) Compressive strength and (b) compressive modulus of the MC modified
Osteopal® V bone cement.
As shown in Figure 2a, the addition of the MC particles did not affected the compressive
strength of the Osteopal® V bone cement. There were no significant differences between the
control and each experimental group, or among experimental groups. The compressive strength for
each group was higher than the 70 MPa specified by ISO 5833-2002 (red dash line in Figure 2a),
thus meeting the requirement of clinical applications. Figure 2b demonstrates that replacement of
the bone cement powder part by 10 wt% or 15 wt% could obtain significant down-regulation
effects. 90/10 group down-regulated 20.6% and 85/15 group down-regulated 36.8%. There were
statistical differences between 85/15 group and each of the other groups. Other experimental
groups achieved very small down-regulation effects.
In order to investigate the effects of the particle size range on the compressive mechanical
properties of the modified bone cements, and obtain the best modification result, nearby factors
and levels of above experimental groups were further tested. MC particles with 200–300 ȝm and 300–
400 ȝm were used to prepared 90/10 and 85/15 groups, respectively. The compressive strength and
modulus are shown in Figure 3.
As shown in Figure 3a, the addition of MC particles with the particle size of either 200–300 ȝm
or 300–400 ȝm did not affect the compressive strength of the set bone cements (red dash line in
Figure 3a). Figure 3b demonstrated that the replacement of the bone cement powder part by 10wt
% of 400–500 ȝm MC particles could obtain a 16.4% down-regulation effect on the compressive
modulus, which was statistically different from the control (100/0) group or (85/15, 400500)
group. However, the modification results were much inferior to the 90/10 and 85/15 groups shown
in Figure 2b. Therefore, equivalent replacement of Osteopal® V bone cement powder part by
15 wt% MC particles with 300–400 ȝm particle size achieved the best modification result for the
compressive modulus of the bone cement.
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Figure 3. (a) Compressive strength and (b) compressive modulus of 200–300 ȝm and
300–400 ȝm MC particles modified Osteopal® V.
Then, bending strength and modulus were tested for the Osteopal® V bone cement specimens
modified by equivalent replacement of the bone cement powder part by 10 wt% and 15 wt% MC
particles with 300–400 ȝm particle size. As shown in Figure 4, it can be seen from the Figure 4 that
both of the bending strength and bonding modulus decreased with the partial replacement of the
powder part by MC particles. However, both of the bending strength and bending modulus were in
conformity with related requirements in ISO 5833-2002 (red dash lines in Figure 4).

Figure 4. (a) Bending strength and (b) bending modulus of the MC modified
Osteopal® V bone cement.
As a result, equivalent replacement of the bone cement powder part by 15 wt% MC particles
with 300–400 ȝm particle size was considered to be the best resolution for the modification of the
Osteopal® V bone cement. The mechanical properties met the requirement of the standard and the
clinical applications after the modification.
In light of the modification study on Osteopal® V bone cement, 10 wt%–15 wt% were found to
obtain better modification effects than other addition amounts. Moreover, the more MC contained
within the bone cement, the better modification effects achieve for cytocompatibility improvement.
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Therefore, 15 wt% addition amount of MC particles was considered prior to other amounts, and
different particle size ranges were investigated on the premise of injectability.
3.3.2. Mechanical Properties of the Modified Mendec® Spine Bone Cement
MC particles with the size ranges of 200–300 ȝm, 300–400 ȝm and 400–500 ȝm were used for
the modification of Mendec® Spine bone cement. The addition amount was 15 wt% for each group,
and both direct addition and equivalent replacement methods were investigated. The compressive
strength and modulus are shown in Figure 5.

Figure 5. (a) Compressive strength and (b) compressive modulus of the MC modified
Mendec® Spine bone cement.
As shown in Figure 5a, the compressive strength of the MC modified Mendec® Spine bone
cement met the requirement of ISO 5833-2002 (red dash line in Figure 5a). Wherein, the direct
addition of 200–300 ȝm MC particles achieved the best effect that the compressive modulus
decreased by 24.0% (Figure 5b), and was statistically different from each of the other groups.
Although the equivalent replacement using the same particle size range also obtained obvious
down-regulatory effect, the direct addition would be more convenient.
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Figure 6 shows the bending strength and modulus of the Mendec® Spine bone cement modified
by 200–300 ȝm MC particles. Both specimens that modified by equivalent replacement and direct
addition methods using were tested. The results show the bending strength and modulus slightly
decreased by MC addition but met the requirement of ISO 5833-2002 (red dash lines in Figure 6).
As a result, direct addition of 15 wt% MC particles with 200–300 ȝm particle size was considered
to be the best resolution for the modification of the Mendec® Spine bone cement.

Figure 6. (a) Bending strength and (b) bending modulus of the MC modified Mendec®
Spine bone cement.
3.3.3. Mechanical Properties of the Modified Spineplex™ Bone Cement
Similar to the study process of the Mendec® Spine bone cement, six experimental groups
including three particle size ranges and two addition methods were investigated. The compressive
strength and modulus are shown in Figure 7.

Figure 7. (a) Compressive strength and (b) compressive modulus of the MC modified
Spineplex™ bone cement.
As shown in Figure 7a, the compressive strength of the Spineplex™ bone cement modified
by MC particles slightly decreased, and met the requirement of ISO 5833-2002 (red dash line in

107
Figure 7a). Figure 7b shows direct addition of MC with 300–400 ȝm particle size obtained the
best modification effect that the compressive modulus was down-regulated by 33.8%, and was
statistically different from each of the other groups, except the (100/15, 400500) group, which
also obtained obvious down-regulation effect in comparison with the control group.
Figure 8 shows the bending strength and modulus of the Spineplex™ bone cement modified by
direct addition of the MC particles. Specimens modified by 300–400 ȝm and 400–500 ȝm MC
particles were tested. The results show the bending strength and modulus decreased a little after the
modification but met the requirement of ISO 5833-2002 (red dash line in Figure 8).

Figure 8. (a) Bending strength and (b) bending modulus of the MC modified
Spineplex™ bone cement.
As a result, direct addition of 15 wt% MC particles with 300–400 ȝm particle size was considered
to be the best resolution for the modification of the Spineplex™ bone cement.
3.4. Maximum Temperature and Setting Time
The maximum temperature comparisons between the unmodified bone cements and their
perspective optimal modification group are shown in Figure 9.

Figure 9. The maximum temperature comparisons between the unmodified and modified
bone cements: (a) Osteopal® V bone cement; (b) Mendec® Spine bone cement; and
(c) Spineplex™ bone cement.
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For each bone cement product investigated in this study, the maximum temperature of the
modified bone cement decreased compared to its original product. Because the added MC particles
absorbed a portion of heat generated by the polymerization of the PMMA bone cements. The lower
maximum temperature is beneficial for clinical applications, since such low temperature could
reduce damage on tissues near the bone cement caused by the heat of polymerization.
Table 4 lists the setting time of the unmodified and modified bone cements. The addition of MC
particles took effects on these bone cements. Wherein, the setting time shortened for Osteopal® V
and Mendec® Spine bone cements after the modification, while the setting time of Spineplex™
became longer. In regard to specific setting time for each bone cement, Osteopal® V and Mendec®
Spine bone cements had overlong setting time, while Spineplex™ bone cement set too fast. A
change in setting time for all bone cements, by some modification, would make it more convenient
for clinical use by a surgeon.
Table 4. Setting time of the original bone cement products and modified bone cements.
Bone cements

Osteopal® V

Mendec® Spine

Original product

16’44”

26’36”

9’02”

Modified by MC particles

14’51”

21’18”

10’01”

Spineplex™

3.5. Processing Times for the Modified Bone Cements
Processing times for each bone cement, before and after the modification, are shown in Figure 10.
The processing times for each bone cement varied a little after the modification by MC particles,
and the variation was 0.5–1 min for each phase. Such small variation in the processing times makes
no changes to the operating habits of surgeons.

Figure 10. Processing times for the bone cements before and after the modification
by MC.
Figure 11 takes Osteopal® V bone cement as an example to show operation process and
processing times of the MC modified PMMA bone cement.
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Figure 11. Operation process and processing times of the MC modified Osteopal® V
bone cement: (a) mixing powder and liquid parts of the bone cement; (b) uniformly
mixing powder and liquid parts; (c) addition of MC particles; (d) uniformly mixing all
components; (e) extracting flowing bone cement by a syringe; (f) injection of the bone
cement into a bone filler device; (g) earlier stage of the bone cement; (h) middle stage
of the bone cement; and (i) later stage of the bone cement.
3.6. Cytocompatibility Improvement of the Modified Bone Cements
Cytocompatibility improvement of the MC modified bone cements were evaluated by proliferation
quantification and attachment observation of MC3T3-E1 cells on the unmodified and MC modified
bone cements. The proliferation of the cells on the bone cements are shown in Figure 12.
For both Osteopal® V and Mendec® Spine bone cements, cells proliferated well on each
bone cement. Cell count on the MC modified bone cement was significantly higher than that on
the unmodified original bone cement, with regard to either Osteopal® V or Mendec® Spine bone
cement. At day 5 and 7, there were statistically significant differences between the MC
incorporated group and the modified group, as well as between the MC incorporated group and the
blank control. Cell counts for the unmodified group and the blank control group were closed
without statistical differences at day 5 and 7, for both PMMA bone cement products, since pure
PMMA bone cements and well-plates were all bioinert materials that had no effect on cell
proliferation. The result indicated that the modification by using MC largely improved
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cytocompatibility of the PMMA bone cements, and the contrast agent, ZrO2 or BaSO4, did not
affect such improvement effects.
Figure 13 Shows cell morphology on the Osteopal® V bone cement before and after the
modification. Figure 13b,d are the amplification of the center areas (noted by dash boxes) of
Figure 13a,c, respectively.

Figure 12. Cell proliferation on (a) Osteopal® V and (b) Mendec® Spine bone cements.

Figure 13. Cell observations on the bone cements before and after the MC
modification by SEM: (a) cells on unmodified bone cement; (b) amplification of the
center of Figure 13a; (c) cells on MC modified bone cement: and (d) amplification of
the center of Figure 13c.
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As shown in Figure 13, cells grew well on the bone cements and filopodia stretched out to
anchor the cells on the bone cements. By comparing cells on the unmodified and modified bone
cements, there were no differences on cell counts, which were in conformity with histograms
shown in Figure 12. From the detail of the cell morphology shown in Figure 13b,d, it can be seen
that a large number of filopodia stretched out from the cells on the MC modified bone cement
(noted by yellow arrows), while the cells on the unmodified bone cement had less filopodia. The
cytocompatibility of the MC modified PMMA bone cement was better than that of the unmodified
original bone cement, and cell adhesion would be improved by such modification. The results
indicates that the modification of PMMA bone cements by addition of MC could improve its
cytocompatibility, which is beneficial for the formation of good osteointegration between the bone
cement and the host bone in clinical applications.
4. Discussion
The spine is the load bearing structure in the human skeleton, and vertebral bodies are the basic
structural units. For upright walking human beings, the major direction of the loading on the
vertebral body is compressive force in the vertical direction, including compressive force from
above lower endplate and support force from bottom upper endplate. Therefore, the compressive
strength and modulus are key mechanical factors for those bone cements used for PVP and PKP.
Overhigh compressive modulus of the bone cement produces overhigh stiffness of the PVP or PKP
treated segment, which resulting in stress concentration at the segment, and would easily cause
secondary fracture on adjacent vertebral bodies and endplate near the surgical segment [9,10].
Bioinert is another disadvantage of the PMMA bone cement, since osteocytes cannot grow into
the bioinert PMMA, it is unable to form stable osteointegration between the bone cement and the
host bone at the implant site [1315]. As described by the analysis in the introduction section,
aseptic loosening or even dislodgement of the bone cement are very dangerous for patients, as a
free hard block may press on the spinal nerve to produce hazardous results [22].
Many efforts were made to improve the mechanical properties and biocompatibility of the
PMMA bone cements for PVP and PKP. In light of above-mentioned disadvantages, these studies
were focused on down-regulation of the compressive modulus, as well as improvement of the
biocompatibility of the PMMA bone cement.
As the main inorganic component of natural bone tissue, HA was popular in the modification
studies on PMMA bone cements. Many studies used HA and element-doped HA, such as
strontium-doped HA to modify the PMMA bone cement. However, in some studies, the addition of
HA largely decreased compressive strength of the bone cement that cannot meet the requirement of
ISO 5833-2002 [23]; in some other studies, the compressive modulus even largely increased after
the addition of HA [24]. Moreover, the addition of HA into PMMA bone cement did not exhibit
improved biocompatibility [25].
Introduction of a biodegradable component was another modification idea. For example,
chitosan and sodium hyaluronate were studied to form porous structure by degradation [26,27].
However, the compressive strength of the bone cement also decreased with the degradation of the
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biodegradable component, and became much lower than the lower limit specified by ISO
5833-2002 [26,27].
Modification of MMA monomer was tried by some researchers to down-regulate the
compressive modulus of the PMMA bone cements. For example, N-methyl-pyrrolidone monomer
and linoleic acid were, respectively, used to partially replace the MMA monomer in the
polymerization of the PMMA bone cement. However, with the down-regulation of the compressive
modulus, the compressive strength also decreased to be much lower than the requirement of ISO
5833-2002 [28,29].
In summary, previous studies on the modification of PMMA bone cement did not obtain a
perfect solution that both down-regulated compressive modulus without affecting the compressive
strength, and improved biocompatibility of the PMMA bone cement. In this study, a biomimetic
material MC with good biocompatibility and osteogenic activity was used for the modification of
the PMMA bone cement. MC was compatible with the PMMA and could be homogeneously
dispersed within the PMMA bone cement. The dispersed MC particles broke integrality of the
polymerized bone cement, and were able to regulate mechanical properties by verifying addition
amounts, particle size range, and addition method of the MC particles. Through a series of
experiments, both of mechanical properties and cytocompatibilities of three commonly used
PMMA bone cements for PVP and PKP were successfully improved by addition of different MC
particles with different addition methods. However, related mechanical properties regulation
mechanisms need further investigations, and the clinical outcomes of the modification need
long-term clinical observations.
5. Conclusions
Biomimetic MC with good osteogenic activity was added to commercially available PMMA
bone cement products to improve both the mechanical properties and the cytocompatibility in this
study. As the compressive strength of the modified bone cements remained well, the compressive
elastic modulus were significantly down-regulated by the MC. Meanwhile, the adhesion and
proliferation of pre-osteoblasts on the modified bone cements were improved compared with cells
on those unmodified. The results are beneficial for both reducing the pressure on the adjacent
vertebral bodies, and the osteointegration formation between the bone cement and the host bone
tissue in clinical applications. Moreover, the modification of the PMMA bone cements by adding
MC did not much influence the injectability and processing times of the cement. As a result,
improvement of PMMA bone cements by incorporating MC particles is an effective and
easy-to-operate clinical approach for improving the quality of the surgery and reducing
complications after PVP and PKP.
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Microstructure and Deformation of Coronary Stents from
CoCr-Alloys with Different Designs
Sabine Weiss and Bojan Mitevski
Abstract: Coronary heart disease is still one of the most common sources for death in western
industrial countries. Since 1986, a metal vessel scaffold (stent) has been inserted to prevent the vessel
wall from collapsing. Most of these coronary stents are made from CrNiMo-steel (316L). Due to its
austenitic structure, the material shows a good combination of strength, ductility, corrosion
resistance, and biocompatibility. However, this material has some disadvantages like its non-MRI
compatibility and its poor fluoroscopic visibility. Other typically used materials are the Co-Base
alloys L-605 and F-562 which are MRI compatible as well as radiopaque. Another interesting fact is
their excellent radial strength and therefore the ability to produce extra thin struts with increased
strength. However, because of a strut diameter much less than 100 ȝm, the cross section consists
of about 5 to 10 crystal grains (oligo-crystalline). Thus, very few or even just one grain can be
responsible for the success or failure of the whole stent. To investigate the relation between
microstructure, mechanical factors and stent design, commercially available Cobalt-Chromium
stents were investigated with focus on distinct inhomogeneous plastic deformation due to crimping
and dilation. A characteristic, material related deformation behavior with predominantly primary slip
was identified to be responsible for the special properties of CoCr stents.
Reprinted from Materials. Cite as: Weiss, S.; Mitevski, B. Microstructure and Deformation of
Coronary Stents from CoCr-Alloys with Different Designs. Materials 2015, 8, 2467-2479.
1. Introduction
Most commercially available coronary stents are made of 316L type CrNiMo-steels (e.g., DIN
EN 1.4441) [1]. Due to its austenitic structure, the material shows a good combination of strength,
ductility, corrosion resistance, and biocompatibility [2–4]. However, this material has some
disadvantages like its non-MRI compatibility and its poor fluoroscopic visibility [5]. Other typically
used materials are the Co-Base alloys L-605 and F-562 which are MRI compatible [6] as well as
radiopaque [7]. Another interesting fact is their excellent radial strength, flexibility and deliverability
and therefore the ability to produce extra thin struts with increased strength [5,8]. Stent strut thickness
plays an important role in vascular injury and consequent neointimal proliferation. Clinical studies
revealed that the thin-strut stents are significantly associated with reduced early restenosis [9–11]. A
positive influence of thin strut stents on long-term luminal response with the results that neointimal
atherosclerotic change occurred more frequently for patients with thick-strut stents and that the
incidence of late in stent restenosis was significantly lower in the thin-strut group of patients was
observed, too [7,12,13]. However, thin strut stents especially from CoCr-alloys are not indisputable.
In recent investigations significantly higher acute elastic recoil was observed for thin strut
CoCr-stents [14]. The authors compared 316L steel stents with a strut thickness of 135 ȝm, PtCr
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stents and CoCr stents, both with strut thicknesses of 81 ȝm. Low acute recoil was found for 316L
and PtCr in contrast to much higher recoil for CoCr. Because of the same strut thickness of the PtCr
stents and the CoCo stents they assume, that acute stent recoil is more correlated with stent design
and materials than with stent strut thickness. Another current study used nanoindentation to analyze
the local mechanical properties of stents. They could identify regions of high hardness and related
them to the gradient of plastic strains generated during the deployment process and the associated
stress. These regions were correlated with the locations where macroscopic fractures have been
observed in both mechanically tested and human explanted stents because of a reduction in plastic
work ratio [15].
Despite all these investigations there is only limited knowledge available about the correlations
between plastic deformation, strut thickness, design, material and recoil. Furthermore, due to the
small dimensions of stents, the material has an oligo- crystalline structure (only a few grains
distributed over the cross section of a stent strut). These structures can in fact neither be described as
multi-crystalline materials, nor be treated as single crystals. The result is an orientation dependent
inhomogeneous deformation behavior [16,17]. With regard to the importance of the orientation
parameter, the Electron BackScatter Diffraction (EBSD) technique has been used to compare the
crystallographic orientation of the grains in CoCr stents with different designs after deformation due
to dilation. By means of transmission electron microscopy (TEM) the deformation mechanisms
can be investigated. For this study, the microstructural alterations after plastic deformation of
three different stent designs (Multi Link Vision™, GUIDANT Corporation, Santa Clara, CA, USA;
Coroflex® Blue, B. Braun Melsungen AG, Melsungen, Germany and Driver Medtronic Inc.,
Minneapolis, MN, USA) were investigated.
2. Experimental
2.1. Material
For this purpose, commercially available cobalt chromium based L-605 and F-562 coronary
artery stents of three different designs (Multi Link Vision L-605, Coroflex® Blue L-605 and Driver
F-562) with characteristic strut thicknesses were compared. Multi Link Vision and Driver are among
the market leading cobalt chromium stents. Coroflex® Blue was chosen because of its very low strut
thickness. The stent designs are depicted in Figure 1.
All three designs are laser cut slotted tube stents with typical v-shape structure. The Driver design
exclusively consists of regular v-shapes with 91 ȝm strut thickness. In the Coroflex® Blue with only
60 ȝm strut thickness one of the two flanks is curved and in the Multi Link Vision design with 81 ȝm
strut thickness stabilization struts with loops connecting two lines of the v-structure are added.
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Figure 1. (a) Multi Link Vision (L-605, 81 ȝm); (b) Coroflex® Blue (L-605, 60 ȝm);
(c) Medtronic Driver (F-562, 91 ȝm).
2.2. Preparation
All stents were dilated in air according to the descriptions in the manufacturers’ instructions.
Microstructure characterization of dilated stents was carried out by means of scanning electron
microscopy (SEM) as well as transmission electron microscopy (TEM). Furthermore, single grain
orientation determination by means of Electron BackScatter Diffraction (EBSD) was performed,
in order to reveal microstructural alterations during deformation. For some stents no further
metallographic preparation was necessary to obtain EBSD pattern, because the final stent production
step is electrochemical polishing. Stents with a coated surface were electrochemically polished for 10 s
in an electrolyte composed of sulfuric acid and phosphorous acid to reach the bare metal surface.
2.3. SEM-Imaging and EBSD-Measurement
For measurement some geometrical difficulties had to be taken into account; Because of the tube
profiles of the stents significant decrease in pattern quality is observed depending on the position
on the sample surface. For a tube with 3 mm diameter, very close to the top of the tube in the
secondary-electron (SE)-image, a small part of the upper region of the EBSD-pattern is shaded and
appears dark. Best pattern quality is obtained in a distance of about 50 ȝm from the top; at about
100 ȝm from the top the shaded area in the lower part of the pattern has increased substantially and at
a distance of about 200 ȝm (from the top) no orientation determination was possible any more.
The measurable distance depends on the radius R of the tube (or stent) and can be calculated as:
u = R (1 í cos Į)

(1)
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Į corresponds to 90° minus the minimum tilting angle at which pattern can be reached (for
traditional EBSD equipment Į is between 65° and 75°). Further information on this field is
published elsewhere (by the authors) [18].
For SEM images a TESCAN MIRA\\ (TESCAN, Brno, Czech Republic) was used. An SEM
Gemini 1530 (Zeiss, Oberkochen, Germany) with an EBSD system Crystal (Oxford Instruments,
Wiesbaden, Germany) and calculation software Channel 5 from HKL-Technology (Hobro,
Denmark) as well as an EBSD system from EDAX (Tilburg, The Netherlands) with OIM™ 6.0
Software were used. EBSD analyzes were carried out by two different people using two different
EBSD systems without knowledge about the results of the respective partner to support the
repeatability of the results. For both an accelerating voltage of 20 kV and a working distance of
15 mm were applied to obtain single grain orientations as well as orientation maps. The orientation
differences are presented by means of Kernel misorientation maps.
2.4. TEM-Imaging
For the investigation of stents by means of TEM, parts of interest were cut out with focused
ion beam technique for direct observation or with special preparation scissors for further manual
preparation. For manual preparation these parts were inserted into a grid net. Stent and net were
glued together using a suitable adhesive (M-Bond 610, Gatan GmbH, Munich, Germany).
Afterwards it was ground down to a thickness of 80 ȝm and further thinned from both sides using a
dimple grinder (Model 656, Gatan GmbH, Munich, Germany) and a nitrogen cooled ion mill (Model
Pips II cool; Gatan GmbH). TEM investigations were performed with a Philips EM 400 TEM (FEI,
Eindhoven, the Netherlands) as well as a Zeiss EM 912 (Zeiss, Oberkochen, Germany) both using an
accelerating voltage of 120 kV. For TEM imaging the results of three different investigators as well
as FIB or manually prepared specimens were analyzed. The images presented in Section 3 are
representative for the materials microstructure of the corresponding CoCr stents.
3. Results and Discussion
After dilation, stents of all three designs exhibit regions of high deformation with characteristic
deformation structures like slip traces on the surface. In contrast to this, before dilation, a shiny
polished surface was apparent. In Figure 2, representative SEM images of the inner part of stent bows
of a Driver Stent are depicted. Slip traces (fine parallel lines) extrusions and intrusions of grains are
clearly visible. This occurrence is generated by heavy plastic deformation and is accompanied with
orientation gradients within the deformed grains. These so called misorientations are correlated to
the amount of plastic deformation in the material.
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Figure 2. (a) Inner part of a stent bow and (b) passage between bow and strut of a Driver
Stent (F-562) with slip traces on the surface as well as extrusions and intrusions of grains.
Orientation mappings of several stent bows of all three types of stents were measured. A typical
grain orientation determination at a highly deformed stent bow of a Driver Stent after dilation is
shown in Figure 3a. The orientation data is represented parallel to the longitudinal direction of the
stent. The coloring of the mapping is in accordance to the legend in Figure 3a. As available from the
mapping the material has an oligo-crystalline structure with only few grains distributed over the strut
diameter. In contrast to the material prior to load [19] where completely homogeneous orientation
mappings without any orientation gradient were measured, regions with large misorientations occur,
identifiable from the iridescent colors within the grains. The high deformation becomes more
obvious in the corresponding local misorientation map (Figure 3b). Low misorientations occur in
blue and increasing misorientations are represented by green and yellow colors. A concentration of
large orientation differences in the inner and outer region of the stent bow as well as close to the grain
boundaries becomes obvious.
In Figure 4a, a comparison of representative local misorientation mappings of a stent bow and
a stent strut of a Coroflex® Blue Stent is depicted. As available from the extended areas of green
and yellow colors in the stent bow and in contrast to that predominantly blue coloring in the stent strut
the much lower deformation in the strut than in the bow becomes obvious. This is in good agreement
with the locations of high misorientations corresponding to high plastic deformation as well as
high hardness measured by Kapnisis [15]. In his investigations of the hardness by means of
nanoindentation he identified regions of high hardness in the stent bows and correlated them to high
plastic deformation.
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Figure 3. (a) Inverse pole figure orientation mapping of an F-562 stent bow (Driver)
after dilation; (b) Kernel misorientation mapping of this stent bow. The colorings of the
mappings are according to the given legends.
For comparison of the microstructures of the different stent designs in Figure 5 representative
orientation mappings of bow segments of each stent type are given. All three designs show
microstructures typical for CoCr alloys with relatively straight grain boundaries and lots of twins
inside the grains but without preferred orientation. Regions with large misorientations occur in all
three designs especially in the inner parts of the bows as available from more or less iridescent colors
in the lower right parts of all mappings (Figure 5a–c). Excluding the twins the average grain
diameters as well as the average number of grains per strut diameter have been determined. The
lowest strut size to grain size ratio, thus, the strongest oligocrystallinity was measured for the
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Coroflex® Blue, the largest for the Medtronic Driver. The influence of this ratio will be discussed
later. It is difficult to present a quantitative comparison of the amount of misorientation by means
of orientation mappings. Therefore the orientation gradient inside the grains along a line from one
grain boundary to the opposite one was determined for a large number of grains (300 to 500 grains)
separately for each stent design. One characteristic orientation gradient curve as well as the
distribution of all orientation gradients of each stent design classified in four main crystallographic
orientation groups is shown in Figure 6a,b, respectively.

Figure 4. Comparison of local misorientation mappings of (a) a stent bow and (b) a stent
strut of a Coroflex® Blue Stent (coloring according to the legend).
A comparison between the three different designs indicates a significantly different behavior. The
largest orientation gradients up to more than four degrees are observed in the Coroflex® Blue stent
design, the smallest, not more than 2.5 degrees, in the Multilink Vision. These results indicate that
larger plastic deformation occurs in the bows of the Coroflex® Blue stent design than in the Multilink
Vision design. An interesting correlation with the results of Schmidt [20] is found: In his experiments
he measured the elastic recoil of different stent designs and found the largest recoil for the Coroflex®
Blue stent design, medium recoil for the Driver, and lowest recoil for the Multilink Vision design.
Therefore, one factor of this design dependence of the recoil is possibly attributed to the amount of
plastic deformation in the material.
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Figure 5. Inverse pole figure orientation mappings of (a) Multi Link Vision;
(b) Coroflex® Blue; and (c) Medtronic Driver stent. The colorings of the mappings are
according to the legend in Figure 3a.

Figure 6. (a) Representative misorientation profile and (b) Maximum misorientation for
different stent designs as a function of the grain orientation.
Furthermore the misorientation is found to be more or less dependent on the grain orientation
(Figure 6b). In the Coroflex® Blue and Driver stent designs the highest misorientations are measured
in grains with {112}- and {111}- orientations. In the Multilink Vision design the highest
misorientations are found in the {001} and {112} grains. This orientation dependence of plastic
deformation is found to be more pronounced in the Coroflex® Blue and in the Multilink Vision
design and less pronounced in the Driver design. The characteristic strut thickness of Coroflex® Blue
is only 60 ȝm, combined with a relatively large grain size strong oligocrystallinity is obtained for this
design. The Multilink Vision with 81 ȝm strut thickness and medium grain size shows oligocrystalline
behavior, too. In contrast, the Medtronic Driver shows only low orientation dependency, thus a
nearly polycrystalline behavior occurs. This result is in good correlation to the assumption that
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oligocrystalline deformation behavior begins when the grain size reaches the construction size. Up to
now it is still not clear at which grain size to strut size ratio the homogenous deformation changes
into an orientation dominated deformation but this value can be localized between 6 and 10 grains
per diameter and seems to be floating. Nevertheless, the current results indicate that the influence of
the individual grains on the total deformation decreases with increasing strut thickness and decreasing
grain size. Hence, further investigations are necessary for a statistical validation of these results.
Sliding Behavior of the Material
As available from Figure 6a there is not only a high misorientation gradient within the deformed
grains but also considerable fluctuations between neighboring measuring points, for example 1.5 degrees
along a distance of only one micrometer. A possible explication is the typical deformation behavior
of cobalt chromium alloys, the primary planar slip. Due to their low stacking fault energy slip is
concentrated on only a few slip systems. There is nearly no possibility for the dislocations to deviate
from their slip plane by cross slip or climbing. Figures 7 to 9 present the microstructures of highly
deformed areas of stent bows of all three designs. In all three designs characteristic deformation
structures consisting of parallely-oriented and crossing deformation bands become visible. In
addition, nanocarbides can be identified in the Multilink Vision microstructure (Figure 7b). A
deformation structure like this can be an explanation for the considerable orientation fluctuations
between neighboring measuring points observed in the orientation gradient distribution in Figure 6a.
In Figures 8b and 9b two deformation bands are visible. The width of these bands, about
500 nanometers, is in exact correlation with the spacing of the oscillating orientation gradient. A
deformation induced phase transformation from fcc alpha cobalt to hcp beta cobalt is possible.

Figure 7. (a) Deformation structure and (b) nanocarbides in an L605 stent bow (Multilink Vision).
Under planar slip dislocations, twins, stacking faults, and beta cobalt are generated and remain
mobile, but only on their discrete sliding planes (see Figures 7a, 8a and 9a, straight lines crossing
under distinct angles). Thus, this material shows such distinct localization of sliding under plastic
deformation and fatigue, and is known for cyclic softening. However, such sliding behavior may be
one reason for the higher tendency for elastic recoil in CoCr-alloy stents than in 316L stents. Even if
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the strength increases within the shear zone, the dislocations remain mobile but are concentrated on
few slip systems with only few obstruction of dislocation movement due to immobile dislocations.
Therefore back sliding of dislocations on their slip system can occur resulting in a decline of the
plastic deformation introduced during dilation. As a result the “elastic” recoil is probably attributed to a
plastic reaction of the material, too.

Figure 8. (a) Deformation structure and (b) deformation bands in an L605 stent bow
(Coroflex® Blue).

Figure 9. (a) Deformation structure and (b) deformation bands in an F-562 stent bow
(Medtronic Driver).
In summary, it appears that in those metals with predominantly primary slip mechanical
instabilities, e.g., like shear bands, crack initiation and propagation take place at distinctly higher
stress levels, but are concentrated on few slip planes which can be an explanation for the high radial
stiffness of CoCr stents. The result of slip concentration is higher dislocation mobility and therefore a
higher flexibility of the material, advantageous for delivery and dilation of the stent but combined
with the negative effect of larger recoil. In the current study no macroscopic fractures have been
observed and no cyclic load was investigated. However, materials with strongly localized slip like
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CoCr alloys tend to a moderate cyclic softening. Therefore, the potential risk of fracture can be
classified as low. This estimation is in good agreement with the results of Kapnisis [15]. He
compared stainless steel and CoCr stents with similar geometry with regard to their fracture behavior
after 100 million load cycles. According to him, strut fracture could be attributed to fretting wear in
overlapping regions in case of multiple stenting. For application of single CoCr stents in straight or
low curved arteries an extremely low risk of fracture is expected, even lower than that of the market
leading stainless steel stents.
4. Conclusions
The present study gives a more comprehensive understanding of the influence of the stent
design on the structure property relationship under monotonic deformations, as a basis for ongoing
development of new designs for stent optimization. Therefore, stents of different designs produced
from the cobalt chromium alloys L-605 and F-562 were investigated. Microstructure characterization by
means of scanning electron microscopy, as well as transmission electron microscopy and single grain
orientation determination, show the microstructure and microtexture evolution during deformation.
The comparison reveals differences in the amount of plastic deformation between the three designs.
Larger plastic deformation occurs in the bows of the Coroflex® Blue stent design than in the
Multilink Vision design. Because of the small grain size/sample size ratio, orientation dependent
deformation behavior occurs, which is more pronounced the thinner the strut thickness is.
The investigation of microstructure indicates that in all three CoCr alloy stent designs typical
deformation behavior of primary planar slip takes place. This deformation behavior can be attributed
not only to the high radial stiffness of CoCr stents but also to a high flexibility of the material,
nonetheless combined with the negative effect of larger recoil.
As a first result, the advantageous properties of CoCr alloy stents predominate for clinical use,
but the research is still ongoing. Further experiments, for example with regard to the grain size to
strut size relationship of the stents or a modification of the dilation process are in progress and will be
published in the near future.
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Additively Manufactured Open-Cell Porous Biomaterials
Made from Six Different Space-Filling Unit Cells: The
Mechanical and Morphological Properties
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Abstract: It is known that the mechanical properties of bone-mimicking porous biomaterials are
a function of the morphological properties of the porous structure, including the configuration and
size of the repeating unit cell from which they are made. However, the literature on this topic is
limited, primarily because of the challenge in fabricating porous biomaterials with arbitrarily
complex morphological designs. In the present work, we studied the relationship between relative
density (RD) of porous Ti6Al4V EFI alloy and five compressive properties of the material, namely
elastic gradient or modulus (Es20–70), first maximum stress, plateau stress, yield stress, and energy
absorption. Porous structures with different RD and six different unit cell configurations (cubic (C),
diamond (D), truncated cube (TC), truncated cuboctahedron (TCO), rhombic dodecahedron (RD), and
rhombicuboctahedron (RCO)) were fabricated using selective laser melting. Each of the compressive
properties increased with increase in RD, the relationship being of a power law type. Clear trends
were seen in the influence of unit cell configuration and porosity on each of the compressive
properties. For example, in terms of Es20–70, the structures may be divided into two groups: those that
are stiff (comprising those made using C, TC, TCO, and RCO unit cell) and those that are compliant
(comprising those made using D and RD unit cell).
Reprinted from Materials. Cite as: Ahmadi, S.M.; Yavari, S.A.; Wauthle, R.; Pouran, B.; Schrooten, J.;
Weinans, H.; Zadpoor, A.A. Additively Manufactured Open-Cell Porous Biomaterials Made from
Six Different Space-Filling Unit Cells: The Mechanical and Morphological Properties. Materials
2015, 8, 1871-1896.
1. Introduction
In orthopaedic surgery, cellular structures are used as three-dimensional porous biomaterials that
try to mimic the structure and function of bone [1]. The porous biomaterial could be used either as
a bone substitute or a cell-seeded scaffold used as a part of a tissue engineering approach. In either
case, the porous biomaterial should be designed such that its mechanical properties match those of
bone, while considering the other factors that maximize bone ingrowth. For example, the permeability
of the porous structures used in bone tissue engineering could influence cell migration and mass
transport and should be carefully designed [2,3]. During the last two decades, several design
principles have been proposed for the design of bone tissue engineering scaffolds that consider the
mechanical properties, biocompatibility, biodegradability, and bio-functionality of the scaffold
biomaterials [4–9].
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In this study, we focused on the compressive properties of porous titanium biomaterials aimed
for application in orthopaedic surgery. Solid titanium alloys are often very stiff, exceeding the
mechanical properties of bone by up to one order of magnitude [10,11]. The mismatch between the
mechanical properties of bone and those of the biomaterial could hinder bone ingrowth, result in
stress shielding, bone resorption, and ultimately cause loosening of orthopaedic implants [12–15].
Creating porous structures out of bulk materials, however, results in much lower stiffness values
that are comparable with those of bone [10,16,17]. Traditionally, various techniques have been
used for fabrication of porous biomaterials including space-holder method, hot isostatic pressing,
gel casting, and chemical vapor deposition/infiltration [18–21]. Recently, additive manufacturing
techniques have been introduced for manufacturing of porous biomaterials and have several
advantages over conventional techniques including their ability to create arbitrarily complex 3D
structures, highly accurate and predictable porous structure, and wide materials selection [22–25].
Two widely used AM methods are selective laser melting [26–30] and electron beam melting [31–34].
In addition to favorable mechanical properties, highly porous biomaterials have a large pore space
that could be used for controlled release of growth factors [35] as well as huge surface area
that could be treated using chemical and electrochemical techniques for obtaining desired
bio-functional properties [36–39].
The mechanical properties of additively manufactured porous biomaterials are highly dependent
on the type of unit cell from which they are made [40–45]. Optimizing the mechanical properties of
porous biomaterials for different applications may require combining various types and dimensions
of unit cells in one single porous structure. It is therefore important to have a good understanding
of the relationship between the type and dimensions of unit cell and the resulting mechanical
properties of the porous structure [46]. Many different types of unit cells are available. However,
data on the mechanical properties of porous structures from many different unit cell configurations
are limited.
In the present work, we used six different unit cell configurations, namely, cubic, diamond,
truncated cube, truncated cuboctahedron, rhombic dodecahedron, and rhombicuboctahedron are
considered in the current study. For each of these configurations, we used selective laser melting to
manufacture porous structures with different porosities. Micro-CT imaging and compression testing
were performed to determine the morphological and mechanical properties of the porous materials
and to study the relationship between these parameters.
2. Materials and Methods
2.1. Materials and Manufacturing
Selective laser melting (SLM) method (Layerwise NV, Leuven, Belgium) was used for
processing of Ti6Al4V-ELI powder (according to ASTM B348, grade 23) on top of a solid titanium
substrate and in an inert atmosphere. Porous titanium structures were thereby manufactured based on
six different unit cells configurations, namely, cubic, diamond, truncated cube, rhombicuboctahedron,
rhombic dodecahedron, and truncated cuboctahedron (Figure 1). The details of the laser process
technique were reported in our previous studies [10,16,40,47,48]. For each unit cell, different
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porosities were achieved by changing the strut thickness and pore size (Table 1). Cylindrical
specimens with the length of 15 mm, diameter of 10 mm and unit cell size of 1.5 mm were
manufactured for static compression testing (Figure 2). After fabrication, electro discharge machining
(EDM) was used to remove the specimens from the substrate.

(a)

(b)

(c)

(d)

(e)

(f)

Figure 1. Schematic drawings of the unit cells used in the porous structure: (a) Cubic;
(b) Diamond; (c) Truncated cube; (d) Truncated cuboctahedron; (e) Rhombic
dodecahedron; (f) Rhombicuboctahedron.
2.2. Morphological Characterization
For morphological characterization, we scanned the titanium scaffolds using a micro-CT
(Quantum FX, Perkin Elmer, Waltham, MA, USA). The scans were made under tube voltage of
90 kV, tube current of 180 ȝA, scan time of 3 min, and resolution of 42 ȝm. The 3D images of the
porous structures were automatically reconstructed using the in-built software of the micro-CT. The
reconstructed images were then transferred to the Caliper Analyze 11.0 (provided by the
manufacturer) to align the geometry along the major axis of the specimens and to acquire 2D slices.
The 2D slices contained transverse views of the scaffolds, i.e., circular cross-sections. The 2D slices
were then imported into the ImageJ 1.47v (http://imagej.nih.gov/ij/) in order to create region of
interests (ROIs) and segment the titanium volume using the optimal thresholding algorithm
available in the boneJ [49] plugin of ImageJ 1.47v (16 bit images). Segmented images were then
exported to the boneJ plugin to calculate the ratio of the void volume to the 3D ROI volume that
was ultimately reported as the structure relative density of the porous structures.
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Table 1. Morphological properties of the porous structures used.
Strut Diameter (ȝm)
Pore Size (ȝm)
Nominal (Design) ȝCT (SD) Nominal (Design) ȝCT (SD)
Cubic (C)
C-1
C-2
C-3
C-4
Diamond (D)
D-1
D-2
D-3
D-4
Truncated Cube (TC)
TC-1
TC-2
TC-3
TC-4
TC-5
TC-6
Truncated Cubeoctahedron (TCO)
TCO-1
TCO-2
TCO-3
TCO-4
TCO-5
TCO-6
Rhombicdodecahdron (RD)
RD-1
RD-2
RD-3
RD-4
RD-5
RD-6
Rhombic Cubeoctahedron (RCO)
RCO-1
RCO-2
RCO-3
RCO-4
RCO-5
RCO-6

348
540
612
720

451 (147)
654 (190)
693 (200)
823 (230)

1452
1260
1188
1080

1413 (366)
1139 (359)
1155 (354)
1020 (311)

277
450
520
600

240 (46)
416 (65)
482 (70)
564 (76)

923
750
680
600

958 (144)
780 (141)
719 (130)
641 (137)

180
240
304
380
460
530

331 (76)
363 (80)
395 (88)
463 (126)
568 (183)
620 (200)

1720
1660
1596
1520
1440
1370

1625 (398)
1615 (392)
1593 (382)
1535 (370)
1497 (360)
1426 (357)

324
460
520
577
621
693

350 (60)
416 (64)
452 (65)
482 (70)
516 (82)
564 (76)

876
1040
980
923
862
807

862 (349)
1142 (383)
1098 (386)
1079 (391)
1065 (361)
1049 (383)

250
310
370
430
490
550

246 (53)
305 (97)
440 (126)
461 (163)
430 (122)
506 (144)

1250
1190
1130
1070
1010
950

1299 (449)
1224 (455)
1168 (364)
1305 (554)
920 (300)
1058 (356)

380
410
440
470
500
530

348 (59)
369 (59)
486( 113)
437 (61)
539 (120)
438 (61)

820
790
760
730
700
670

877 (355)
847 (349)
1089 (402)
754 (359)
1043 (401)
794 (368)
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(a)

(b)

(c)

(d)

(e)

(f)

Figure 2. Sample specimens from the porous structures based on different types of
unit cells: (a) Cubic; (b) Diamond; (c) Truncated cube; (d) Truncated cuboctahedron;
(e) Rhombic dodecahedron; (f) Rhombicuboctahedron.
In addition, the Archimedes technique and dry weighing were used for determining the structure
relative density of the specimens (Table 2) using five specimens from each porous type of porous
structure, except for the case of rhombic dodecahedron unit cells that only 2 samples were used for
measurement of the Archimedes porosity values. In both cases, an OHAUS Pioneer balance was
used for weight measurements that were performed in normal atmospheric conditions in room
temperature. As for the dry weighing, the weight of the porous specimens was divided by the
theoretical weight of the corresponding solid specimens assuming a theoretical density of 4.42 g/cm3
for Ti6Al4V-ELI [50]. In the Archimedes technique, the specimens were weighed both in dry
conditions and in pure ethanol to determine the actual and macro volume and calculating overall
porosity of the porous structures.
2.3. Compressive Testing
The mechanical properties of the porous structures were obtained by static compression test
using a static test machine (INSTRON 5985, 100 kN load cell) by applying a constant deformation
rate of 1.8 mm/min. The compression test was carried out in accordance with ISO standard
13314:2011 [51] which refers to mechanical testing of porous and cellular metals. The tests were
continued until 60% strain was applied to the specimens. Five specimens were tested for every
variation of the porous structures. The stress-strain curves were obtained and the mean and
standard deviation of each of five compressive properties were determined. According to the
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above-mentioned standard, the elastic gradient (Eı20–70) was calculated as the gradient of the elastic
straight line between two stress values, namely ı70 and ı20. The first maximum compressive
strength (ımax) that corresponds to the first local maximum in the stress-strain curve was also
calculated. The plateau stress (ıy) was defined according to the same standard as the arithmetical mean
of the stresses between 20% and 40% compressive strain and was calculated for all specimens. [40,51].
Energy absorption, which is defined as the energy required for deforming a specimen to a strain (İ),
was calculated from the area under the strain-stress curve up to 50% strain [52,53].
In order to analyze the compressive properties of porous structures more systematically, power
laws relating structure relative density (the weight per unit volume of a material, including voids
that exist in the tested material” as defined in ASTM D1895) to different compressive properties
were fitted to the measured experimental data:
ࢄ ൌ ࢇૉ࢈

(1)

where X is any of the above-mentioned compressive properties measured for the porous structures
and ȡ is structure relative density. The parameters a and b are dependent on the type of the unit cell.
2.4. Correlational Analysis
MATLAB and Simulink R2014a, The MathWorks Inc., Natick, MA, USA, and Microsoft
Excel, Microsoft Corporation, Redmond, WA, USA, were used to determine the correlation
between the compressive properties of specimens and relevant density. Closeness of the data to the
fitted regression line was measured by coefficient of determination.
3. Results
The structure relative density of each unit cell configuration is presented in Table 2. The trends
observed in the stress strain curves of the specimens with different types of unit cells were quite
different (Figures 3–8). There were also differences in the shape of stress-strain curves of specimens
with the same type of unit cell configuration but different relative density (RD) (Figures 3–8). In
many cases, the typical stress-strain response of porous alloy was observed including the initial
linear response that was followed by a plateau region and the subsequent fluctuations of the
stress-strain curve (Figures 3–8). The final part of the stress-strain curves was often associated with
stiffening of the porous structure (Figures 3–8). In general, the level of fluctuations following the
plateau region tended to decrease as the structure relative density of the porous structures increased
(Figures 3–8). However, this was not, the case for porous structures based on the truncated cube
unit cell (Figure 8).
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Table 2. Summary of the structure relative density results (in %).
Structure Relative Density (%)
CAD File Dry Weighing (SD) Archimedes (SD)
Cubic (C)
C-1
C-2
C-3
C-4
Diamond (D)
D-1
D-2
D-3
D-4
Truncated cube (TC)
TC-1
TC-2
TC-3
TC-4
TC-5
TC-6
Truncated Cubeoctahedron (TCO)
TCO-1
TCO-2
TCO-3
TCO-4
TCO-5
TCO-6
Rhombicdodecahdron (RD)
RD-1
RD-2
RD-3
RD-4
RD-5
RD-6
Rhombic Cubeoctahedron (RCO)
RCO-1
RCO-2
RCO-3
RCO-4
RCO-5
RCO-6

ȝCT

10
22
27
35

11 (0.1)
21 (0.2)
26 (0.2)
34 (0.1)

12 (0.1)
22 (0.2)
26 (0.2)
34 (0.2)

13
24
28
37

11
21
28
37

11 (0.1)
20 (0.2)
26 (0.4)
34 (0.3)

11 (0.2)
21 (0.1)
27 (0.3)
35 (0.4)

11
21
28
36

6
9
12
16
21
24

7 (0.1)
9 (0.1)
12 (0.1)
14 (0.2)
17 (0.2)
20 (0.2)

7(0.1)
9 (0.1)
12 (0.1)
15 (0.2)
18 (0.1)
20 (0.2)

9
11
12
14
17
20

18
21
26
31
34
36

20 (0.4)
23 (0.2)
25 (0.5)
28 (0.2)
31 (0.3)
34 (0.2)

20 (0.4)
23 (0.2)
25 (0.5)
28 (0.3)
31 (0.3)
35 (0.3)

19
21
23
28
32
36

10
15
20
25
29
34

11 (0.3)
17 (0.2)
23 (0.2)
27 (0.1)
28 (0.3)
33 (0.3)

11 (0.4)
17 (0.1)
23 (0.1)
27 (0.2)
28 (0.3)
33 (0.2)

11
16
22
27
28
32

16
18
21
26
31
36

18 (0.2)
21 (0.2)
23 (0.3)
25 (0.3)
29 (0.4)
32 (0.3)

18 (0.2)
21 (0.2)
23 (0.3)
26 (0.4)
29 (0.4)
33 (0.5)

18
21
24
25
27
31
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Figure 3. Compressive stress-versus-compressive strain curves for specimens based on
the cube unit cell and with different porosities (see Table 2).

Figure 4. Stress-strain curves for specimens based on the diamond unit cell and with
different porosities (see Table 2).
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Figure 5. Compressive stress-versus-compressive strain curves for specimens based on
the truncated cube unit cell and with different porosities (see Table 2).

Figure 6. Cont.
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Figure 6. Compressive stress-versus-compressive strain curves for specimens based on
the truncated cuboctahedron unit cell and with different porosities (see Table 2).

Figure 7. Cont.
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Figure 7. Compressive stress-versus-compressive strain for specimens based on the
rhombic dodecahedron unit cell and with different porosities (see Table 2).

Figure 8. Compressive stress-versus-compressive strain curves for specimens based on
the rhombicuboctahedron unit cell and with different porosities (see Table 2).
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As expected, each of the compressive properties increased with increase in structure relative
density (Figures 9–13). The exponent of the power law fitted to the experimental data points
(Figures 9–13) varied between 0.93 and 2.34 for the elastic gradient (Figure 9), between 1.28 and
2.15 for the first maximum stress (Figure 10), between 1.75 and 3.5 for the plateau stress (Figure 11),
between 1.21 and 2.31 for the yield stress (Figure 12), and between 2.18 and 73 for energy
absorption (Figure 13).

Figure 9. Summary of the elastic gradient results for porous structures basedon
different types of unit cell configurations (cubic (C); diamond (D); truncatedcube (TC);
truncated cuboctahedron (TCO); rhombic dodecahedron (RD); rhombicuboctahedron
(RCO)) and different structure relative densities (see Table 2) (Es indicates the elastic
gradient of the structure if it was solid).
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Figure 10. Summary of the first maximum stress results for porous structures based on
different types of unit cell configurations (cubic (C); diamond (D); truncated cube (TC);
truncated cuboctahedron (TCO); rhombic dodecahedron (RD); rhombicuboctahedron
(RCO)) and different structure relative densities (see Table 2).

Figure 11. Cont.
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Figure 11. Summary of the plateau stress results for porous structures based on
different types of unit cell configurations (cubic (C); diamond (D); truncated cube (TC);
truncated cuboctahedron (TCO); rhombic dodecahedron (RD); rhombicuboctahedron
(RCO)) and different structure relative densities (see Table 2).

Figure 12. Cont.
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Figure 12. Summary of the yield stress results for porous structures based on different
types of unit cell configurations (cubic (C); diamond (D); truncated cube (TC); truncated
cuboctahedron (TCO); rhombic dodecahedron (RD); rhombicuboctahedron (RCO)) and
different structure relative densities (see Table 2).
Among all the unit cells studied here, the structure with the diamond unit cell was the most
compliant, especially at RD > 0.15, whereas the stiffest structure was that having a truncated cube
unit cell, especially when RD > 0.30 (Figure 9). When RD was small (RD < 0.2) the structures may
be divided into two groups, with those in the first group (truncated cube, truncated cuboctahedron,
rhombicuboctahedron, and cube unit cells) having larger stiffness than those in the second group
(diamond and rhombic dodecahedron unit cells) (Figures 9 and 14a).

Figure 13. Cont.
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Figure 13. Summary of the energy absorption results for porous structures based on
different types of unit cell configurations (cubic (C); diamond (D); truncated cube (TC);
truncated cuboctahedron (TCO); rhombic dodecahedron (RD); rhombicuboctahedron
(RCO)) and different structure relative densities (see Table 2).
With regard to ımax, there is also separation of the structures into two groups. When RD < 0.2,
the structures with the highest and lowest value of this compressive property were built using
rhombiccuboctahedron and rhombic dodecahedron unit cells, respectively (Figure 10). However,
when RD > 0.2, the structures with the highest and lowest value of this compressive property were
built using the truncated cube and diamond unit cells, respectively (Figures 10 and 14b). When RD
< 0.2, there is no difference in plateau stress between the different structures, but, when RD > 0.2,
the highest and lowest value of this compressive property were built using the truncated cube and
diamond unit cells, respectively (Figures 11 and 14c). The four remaining unit cells are relatively
close in terms of the plateau stress values they exhibit (Figures 11 and 14c).
Regarding ıy, structures with the diamond unit cell show the lowest value throughout the
RD range (Figures 12 and 14d). The one group comprising structures having the truncated cube
rhombicuboctahedron, and cube and cube and the other group comprising structures having
truncated cuboctahedron and rhombic dodecahedron, When RD < 0.2, the former group has clearly
higher yield stress values as compared to the latter group, but, when RD > 0.2, the results for the
two groups overlapped (Figures 12 and 14d). When RD < 0.2, Energy absorption (EA) for the
structures with different unit cell configurations are practically the same, but, at higher RD, EA of
structure with diamond unit cell is much lower than that of a structure with any other type of unit
cell configuration (Figures 13 and 14e).

(a)

(b)
Figure 14. Cont.
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(c)

(d)

(e)
Figure 14. Comparison between the mechanical properties measured for different types
of porous structures based on the six different unit cells studied here including
(a) Elastic gradient; (b) First maximum stress. (c) Plateau stress; (d) Yield stress; (e)
Energy absorption. In these figures, the power laws fitted to the experimental data
points, and not the experimental data points themselves, are compared with each other.
The ratio of plateau stress to yield stress was more or less constant and close to one for the diamond
and rhombic dodecahedron unit cells (Figure 15a). For the other types of unit cells, the ratio of plateau
stress to yield stress remarkably increased with the relative density (Figure 15a). As for the ratio of
plateau stress to first maximum stress, it was relatively stable for diamond, rhombic dodecahedron,
and rhombicuboctahedron (Figure 15b). For the three remaining types of unit cells, the ratio of
plateau stress to first maximum stress drastically increased with the relative density Figure 15b).

(a)

(b)

Figure 15. (a) The ratio of plateau stress to yield stress as well as (b) the ratio of
plateau stress to first maximum stress for different types of unit cells. In these figures,
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the power laws fitted to the experimental data points, and not the experimental data
points themselves, are compared with each other.
4. Discussion
The results of this study clearly show the difference between the porous structures made using
different types of unit cells. Not only do the mechanical properties of the porous structures differ
drastically between the various unit cells studied here, the deformation and failure mechanisms
change as well particularly at the plateau region as well as in the succeeding regions of the
stress-strain curves. These different failure mechanisms are reflected in the different shapes of
stress-strain curves.
4.1. Comparison between the Different Types of Unit Cells
Since all other parameters are kept constant during the manufacturing of the specimens, the only
factor that differentiates the different classes of porous structures from each other is the geometry
of unit cell. For example, it was observed that the unit cells that include vertical struts, exhibit a
different failure mechanism as compared to the other unit cells. In the unit cells with vertical struts,
failure of one (vertical) strut usually resulted in the collapse of the entire unit cell, causing a sudden
drop of the measured force to values close to zero. Once one unit cell, that is often the weakest link
in the remaining porous structure, has collapsed, the other unit cells take over the force-carrying
function of the missing unit cell and the force increases again. This will continue until the next
weakest link in the remaining porous structure has collapsed and the force drops to near-zero
values again. The presence of vertical struts could not, however, explain all the cases where force
repeatedly dropped to near-zero values. An important exception was the diamond unit cell. In this
unit cell, the geometry of the unit cell is such that the failure of one strut could easily cause the
collapse of the entire unit cell, as the shape of the unit cell is relatively simple and the different
struts provide only limited support to each other. This could be also found back in all of the
compressive properties measured for the diamond unit cell. Comparatively speaking, the diamond
unit cell showed the lowest values of the compressive properties for the entire range of apparent
densities. There are only two exceptions, elastic gradient and first maximum stress, where rhombic
dodecahedron shows slightly lower compressive properties for the lowest values of the structure
relative density.
The stiffness of the porous structures made from different types of unit cells is probably the
most important property of these structures when they are used as bone-mimicking biomaterials.
The elastic gradient is the best indicator of the stiffness of the porous structure, among all the
compressive properties presented here. For small apparent densities, i.e., < 0.15, one could speak of
two groups of unit cells, namely strong unit cells and weak unit cells. The strong unit cells group
includes truncated cube, truncated cuboctahedron, rhombicuboctahedron, and cube, while the weak
unit cell group includes diamond and rhombic dodecahedron. Within each of the groups, there is
not much difference between the different types of unit cells for small structure relative density
values, meaning that they are interchangeable from mechanical viewpoint. The other considerations
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such as permeability [3,9] could therefore play more important role when deciding which of those
unit cells is used in bone regeneration applications. For larger structure relative density values, i.e.,
>0.15, the truncated cube unit cell shows remarkably higher stiffness values and could therefore be
used in the applications where high stiffness values are required. Since cube and truncated cube are
relatively similar unit cells, it is remarkable that such small variation in the geometry of the cubic
unit cells results in such improvement in the stiffness values for relatively large apparent densities.
One could explain this by noting that in the cube unit cell force transmission occurs at a few junction
points that are also prone to stress concentration. Truncated cube replaces the single junction of the
cubic unit cell with a supporting structure that could better distribute and transmit the forces. This
improves the stiffness of the porous structure particularly for higher apparent densities where the
thick struts at the truncation region of the truncated cube unit cell are particularly closed-pack and
support the porous structure very efficiently.
4.2. Ratio of Plateau Stress to Yield Stress
One of the important findings of the current study is the point that the relationship between the
plateau stress and yield stress is very different for different types of unit cells. In general, plateau
stress has received more attention in the recent literature, partly because of the emphasis and
explicit definition of the concept in the new ISO standard for the mechanical testing of metallic
porous materials [51]. In comparison, there is less emphasis on the concept of yield (or
compressive offset) stress in the standard, demoting it to the status of “optional information” in the
standard test report [51]. As a consequence, a number of recent studies including our studies on
porous structures made from the rhombic dodecahedron unit cell [16,40] and one study of the
mechanical behavior of porous structures based on the diamond unit cell [10] have used the
concept of plateau stress as a replacement for the yield stress. The results of the current study show
that, interestingly, for both types of unit cells used in our previous studies, the plateau and yield
stress are very close. Moreover, the ratio of plateau stress to yield stress is largely independent
from the structure relative density. This justifies the use of plateau stress as a replacement for the
yield stress for the porous structures based on those two types of unit cells. The results of this
study, however, show that this is not necessarily the case for the other types of unit cells. Not only
the plateau and yield stress are not close to each other for the other types of unit cells, their ratio
could be very much dependent on the structure relative density. This is an important point in all
future studies where one needs to choose a specific parameter for representing the elastic limit of
additively manufactured porous structures based on the different types of unit cells.
4.3. Energy Absorption
Fracture toughness of bone is defined as the resistance to crack growth before the final fracture [54]
and several studies on what can influence on fracture toughness of the human bone, cortical and
trabecular [55–58] show the importance of this definition. Although tough bone resists more to
fracture but it may have lower yield point and be considered weaker [59]. It is therefore important to
select the right type of unit cell for bone-mimicking porous structure by comparing the energy
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absorption values of the porous structures based on the different types of unit cells with that of
bone they are aimed to replace. This is an important design aspect has received less attention in the
previous studies that look into the mechanical properties of bone-mimicking porous biomaterials and
how they are related to those of bone.
4.4. Anisotropy
The mechanical properties of porous structures based on some of the unit cells included in the
current study are anisotropic. In the current study, we only studied the mechanical properties of the
porous structures in one direction (Figure 1). The mechanical properties of the porous structures
may be therefore very different in the directions not tested in the current study. One needs to be
careful when interpreting the results presented here, as they only pertain to specific directions of
unit cells. The experiment required for characterizing the mechanical properties of the porous
structures in all relevant directions is formidably large and expensive. A more feasible approach
would be to develop analytical and computational models that are first validated against the
experimental data presented here and could then be used for estimating the mechanical properties
of the porous structures in all possible directions. In addition to the anisotropy caused by the
geometry of the unit cells, the manufacturing process could also cause some directionality in the
porous structure [44]. This directionality, which is dependent on the geometry of the unit cell,
could also induce some additional anisotropy in the mechanical behaviour of the porous structures.
4.5. Applications in the Design of Implants and Tissue Engineering Scaffolds
The main application of the results presented in the current study is in the design of porous
biomaterials used for bone substitution either as an implant or as a part of a bone tissue engineering
scheme. The mechanical properties of the porous biomaterials are important from several
viewpoints. First, one needs to ensure that there is a good match between the stiffness of porous
biomaterial and those of the bone they replace. This could help in avoiding stress shielding. The
elastic gradient values reported here for the different types of unit cells could be important in that
context. Second, it is important to make sure that the porous biomaterials are capable of providing
enough mechanical support and do not fail under the mechanical loading they are exposed to. The
plateau stress as well as yield and first maximum stress values reported here could play important
roles in that regard.
From a design viewpoint, one needs to ensure that the mechanical properties of the porous
biomaterials are favorable for bone regeneration and ingrowth. That is because bone tissue
formation is known to be largely driven by mechanical loading [60–63]. The results of the current
study clearly show that, for the same structure relative density, the mechanical properties of
bone-mimicking porous biomaterials are very much dependent on the morphology of the porous
structure including the type of unit cell and the unit cell dimensions. On the other hand, the same
morphological properties determine the other important properties of the porous biomaterials such
as permeability and diffusivity [2,3,8,9]. The design of porous biomaterials for bone regeneration
applications can therefore be defined as a multi-objective optimization problem. There are
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additional patient-specific aspects that need to be taken into account. It is therefore important to
combine the computer models for optimal design of porous biomaterials with patient-specific finite
element models of bones [64–66]. The complex and multi-objective nature of such an optimal
design problem requires a high degree of flexibility in the design space. Studies such as the present
study that help to establish the relationship between the morphological design and the different
types of properties of porous biomaterials based on various types of unit cells are helpful in this
context. That is because they enable the designers to use a larger library of unit cells for which the
different types of properties including mechanical properties are known, thereby enlarging the
design space for optimal design of bone substituting implants and tissue engineering scaffolds.
Given the production flexibility offered by advanced additive manufacturing techniques such as
selective laser melting, different types of unit cells could be combined in one single implant or
scaffold so as to optimally distribute the properties within the entire implant or scaffold.
The results presented in this study are also valuable for corroboration of analytical and
numerical models that are developed used for prediction of the mechanical properties of porous
structures given their designed morphology. This type of experimental data is not currently
available in the literature particularly for some of the unit cells studied here.
4.6. Future Research
In this study, all the manufacturing parameters such as building orientation and post processing
of the samples [44] or laser power or energy density of the specimens processed by SLM [30]
considered to be constant. Changing in any of these parameters will influence the results [42]. It is
clear from the results of this study that the deformation and failure mechanisms of porous
structures based on the considered unit cells are very different. Even though certain aspects of the
deformation and failure mechanisms were studied in the current study, it was not the main focus of
the paper. It is suggested that future studies should focus on the detailed deformation and failure
mechanisms of additively manufactured porous biomaterials based on different types of unit cells.
In particular, it would be useful to perform full-field strain measurement [67–70] during the
mechanical testing of the structures, for example, using optical techniques such as digital image
correlation (DIC). DIC has been previously used for measurement of strain in engineering [71–74]
and biological materials [75–77] and is shown to be capable of capturing the detailed deformation
and fracture mechanisms of both types of materials. For determining the mechanical properties
only static compressive properties were determined in the present work. In future studies, other
relevant mechanical properties, such as static bending strength [46], static torsional strength [46]
and fatigue life [50], should be determined.
5. Conclusions
The relationship between morphological and mechanical properties of selective laser melted
porous titanium alloy biomaterials based on six different types of space-filling unit cells were
studied. It was observed that the mechanical behavior, mechanical properties, and failure
mechanisms of the porous structures are highly dependent on the type and dimensions of the unit
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cells out of which the porous structures are made. As expected, compressive properties of all the
porous structures increased with structure relative density. Moreover, for a given compressive
property of a porous structure, the dependence on the structure relative density was of the power
type. The exponent could be used for generalizing the relationships between structure relative
density and the compressive properties of porous structures with different types of unit cells. When
comparing the compressive properties of the porous structures based on the different types of unit
cells, it was found that in many cases the comparative performance of the structures is different for
low and high values of structure relative density with a separating structure relative density of 0.15–
0.2. Among all unit cells, the diamond unit cell consistently showed lower compressive properties.
Regarding the stiffness values, the unit cells were divided into a high stiffness group including
truncated cube, truncated cuboctahedron, rhombicuboctahedron, and cube and a low stiffness group
including diamond and rhombic dodecahedron. However, truncated cube showed remarkably
higher stiffness than other members of its group for apparent densities exceeding 0.2. The results
obtained in the present study revealed the relationship between the morphological and compressive
properties of porous structures based on six different types of unit cells, many of which have been
so far largely unexplored. Moreover, it could serves as a basis for validation of analytical and
computational models developed for estimation of the mechanical properties of additively
manufactured porous biomaterials.
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Conductive Polymer Porous Film with Tunable Wettability
and Adhesion
Yuqi Teng, Yuqi Zhang, Liping Heng, Xiangfu Meng, Qiaowen Yang and Lei Jiang
Abstract: A conductive polymer porous film with tunable wettability and adhesion was
fabricated by the chloroform solution of poly(3-hexylthiophene) (P3HT) and
[6,6]-phenyl-C61-butyricacid-methyl-ester (PCBM) via the freeze drying method. The porous film
could be obtained from the solution of 0.8 wt%, whose pore diameters ranged from 50 nm to 500 nm.
The hydrophobic porous surface with a water contact angle (CA) of 144.7° could be transferred into
a hydrophilic surface with CA of 25° by applying a voltage. The water adhesive force on the porous
film increased with the increase of the external voltage. The electro-controllable wettability and adhesion
of the porous film have potential application in manipulating liquid collection and transportation.
Reprinted from Materials. Cite as: Teng, Y.; Zhang, Y.; Heng, L.; Meng, X.; Yang, Q.; Jiang, L.
Conductive Polymer Porous Film with Tunable Wettability and Adhesion. Materials 2015, 8,
1817-1830.
1. Introduction
Macroporous materials with a high porous volume, specific surface area an tunable pore sizes,
especially conductive polymer porous materials, have emerged as a hot topics due to their wide
applications in gas sensing, adsorption, catalysis, porous electrodes, energy storage, tissue
engineering and biomaterials [1–7]. Various fabrication techniques of porous materials have been
developed, such as phase separation [8–10], emulsion templating [11,12], direct foaming [7,13],
polymer foam replication [14,15], breath figures [16–18] and freeze drying [19–22]. Compared with
other methods, freeze drying shows some advantages, such as large area preparation, with no need for
further purification, and obtaining a number of pore morphologies and nanostructures by changing
variables during freezing [22]. During the freeze drying process, the solution is frozen under a certain
freezing temperature, followed by removing solvent by sublimation under vacuum, which leads
to forming porous structures. Presently, many inorganic, polymer or composite porous materials
have been fabricated by freeze drying, for example porous alumina [23,24], chitosan [25],
glycosaminoglycan [26] and silylated nanocellulose sponges [27]. However, conductive polymer
porous materials prepared by the freeze drying method have not yet drawn scientific attention.
The surface wettability and adhesive behaviors, as important properties of porous materials,
have been paid more attention due to the desire for developing new functions, such as photoelectric
conversion [28], photocatalysis [29], antireflection [30] and cell adhesion [31]. Many artificial
surfaces with special wettability and adhesion have been prepared, for example vertical-aligned
multiwalled carbon nanotubes [32], superhydrophobic polystyrene (PS) nanotube film [33] and an
artificial biomimic polymer film duplicated by a rose petal surface [34]. In this field, our group [35]
also reported a high-adhesive ordered porous structure surface fabricated by the breath figures
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method. The surface adhesive force of the as-prepared film can be effectively adjusted by changing
the pore sizes. However, the wettability and adhesion regulation on the conductive polymer porous
material surface by external voltage has generated fewer reports.
In this paper, a conductive polymer porous composite film was fabricated by the freeze
drying method via using a blend system composed of poly(3-hexylthiophene) (P3HT) as an
electron-donating polymer and [6,6]-phenyl-C61-butyricacid-methyl-ester (PCBM) as an
electron-accepting fullerene. The chemical structures of P3HT and PCBM are shown in Scheme 1.
Presently, The most extensive studies for the P3HT:PCBM blend system focus on its bulk
heterojunction organic photovoltaics [36,37]. The mixing of P3HT and PCBM will not disrupt the
crystalline P3HT domains, and PCBM can be dispersed well in disordered P3HT domains, which is
prone to constructing a good interpenetrating network structure. Combined with the conductivity and
formation of the network structure of P3HT:PCBM, we prepared an electro-responsive tunable
wettability porous structure composed of P3HT and PCBM by freeze drying. Simultaneously, the
surface adhesion forces of the porous film can also be controlled by electric stimuli. The surface
wettability and water adhesive forces of the as-prepared films can be effectively controlled by an
external electric field. The porous surface induced by external voltage showed relatively high
adhesion for water, which will be very useful for manipulating liquid collection and transportation.

Scheme 1. Chemical structures of poly(3-hexylthiophene)
[6,6]-phenyl-C61-butyricacid-methyl-ester (PCBM).

(P3HT)

and

2. Experimental Section
2.1. Materials and Characterization
Commercially available P3HT (Rieke Metals, Inc., Lincoln, NE, USA) and PCBM
(Fem Technology Co., Groningen, The Netherlands), were used directly without further treatment.
Chloroform (Tianjin Hengxing Chemical Industry Co., Ltd., Tianjin, China) was used as the solvent
to dissolve P3HT and PCBM and as the freezing vehicle.
The morphology of the polymer porous film was characterized by field-emission scanning
electron microscopy (SEM, JEOL JSM-7500, Tokyo, Japan), after sputtering the samples with a thin
layer of gold. The contact angle (CA) of the prepared porous film was measured on a CA system
(JC2000C, Shanghai Zhongchen Technology Co. Ltd., Shanghai, China) at ambient temperature.
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The water droplets (about 2 ȝL) were dropped onto the surface, and the contact angle average value
of five measurements was performed at different positions on the same sample.
The adhesive forces were measured on a high-sensitivity microelectro-mechanical balance system
(DCAT 11, Dataphysics, Goettingen, Germany) at different voltages. Typically, a water droplet of
about 6 ȝL was hung on a clean copper cap connected to the microbalance. Then, the substrate was
controlled to move toward the water droplet at a constant speed of 0.05 mm/s, until it made contact
with the droplet, at which point the substrate was then moved in reverse direction and left the droplet.
The distance between the break points recorded in the force-distance curve was taken as the
maximum adhesion force. The adhesion values were the averages of 10 independent measurements.
A variable-frequency power source of 60 HZ (Shanghai Ruijin Sci & Technol. Co. Ltd., Shanghai,
China) was used to obtain the different external voltages.
2.2. Preparation of Conductive Polymer Porous Film
The conductive porous film of the P3HT:PCBM blend system was prepared by the freeze drying
method, in which chloroform was used as the freezing vehicle. The same mass of P3HT and PCBM
was dissolved in chloroform to prepare the conductive polymer solution with a mass concentration
of 1% by stirring. The chloroform solutions of the P3HT:PCBM blend system, whose mass
concentrations are 0.08%, 0.1%, 0.2%, 0.4%, 0.6% and 0.8%, respectively, were obtained by
diluting the solution of 1%. The conductive polymer solution was dropped onto the surface of ITO
substrate, followed by freezing in liquid nitrogen quickly. Then, the frozen polymer film on the ITO
was lyophilized for 12 h at a temperature of í84 °C and a vacuum degree of 0.07 Pa. The schematic
illustration of the preparation process is exhibited in Scheme 2. The polymer porous film was
obtained. In addition, the prepared polymer solutions were spin-coated on ITO substrate and dried at
ambient temperature and pressure to obtain the smooth conductive polymer film, which was used as
control samples.

Scheme 2. Schematic illustration of preparing the conductive polymer porous film.
3. Results and Discussion
3.1. Preparation and Morphology of Conductive Polymer Porous Film
Freeze drying is a drying techniques based on sublimation. The material to be dried is frozen
quickly at low temperature and then dried in a vacuum, in which the frozen water or other solvent
molecules directly sublimate and escape as vapors [19–22]. In the P3HT:PCBM blend system,
PCBM dispersed into the P3HT molecular chains, which made P3HT be in a disordered state. The
ʌ-ʌ interaction between the molecular chains of P3HT with the conjugated system (Scheme 1) can
form the multi-dimensional network structure, in which the shorter PCBM chain (Scheme 1) is
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attached to the network structure. As shown in Scheme 2, the chloroform solution of P3HT:PCBM
dropped on the ITO substrate was frozen quickly below its freezing point in liquid nitrogen, which
hindered the movement of the polymer chains and further mixture with the solvent. During the
freezing process, the solvent crystallized, and its crystals grew. Then, polymer molecules were
excluded from the frozen solvent until the sample was completely frozen, which induced the phase
separation between the polymer and the solvent. After drying at low temperature and vacuum, the
solvent sublimated, and porous structures are formed from the voids left by the removal of the solvent.
Finally, the conductive polymer porous film with an interpenetrating network structure was obtained.
Figure 1 shows SEM images of the conductive polymer porous films prepared from different
concentrations of the polymer solutions. When the mass concentration of the P3HT:PCBM blend
system is between 0.08% and 0.4%, the obtained polymer films from the freeze drying method show
non-uniform mesh-like structures (Figure 1a–d), in which nanoparticles with different sizes
aggregate and are attached to the interconnected nanofibers. The interpenetrating nanofibers
constructed larger pores whose diameter is more than 1 m. However, from Figure 1a–d, we can
observe that nanofibers in the films grow slowly and form a lamellar structure. When the concentration
is 0.6%, the micrograph (Figure 1e) displays that most microstructures are lamellar and that
non-uniform pores occur between the polymer layers. With increasing the mass concentration of the
conductive polymer solution, an open pore microstructure with a high degree of interconnectivity
formed during the freezing and lyophilization process, as shown in Figure 1f. The lamellar polymer
layers arranged in different orientation and induced the formation of the macroporous structure. The
range of the pore diameters is about 50–500 nm. The results demonstrate that the porosity and pore
size distribution were affected by the solution’s concentration. When the concentration is too low,
the nanofiber structure caused the larger pores and could not form a stable porous surface.
In contrast, if the concentration is too high, it is difficult to keep good fluidity, which will affect
the growth of solvent crystals. Therefore, the porous structure can be adjusted by regulating the
concentration of the conductive polymer solution.

(a)

(b)
Figure 1. Cont.
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(d)

(e)

(f)

Figure 1. SEM images of the conductive polymer porous films prepared from different
concentrations of polymer solutions: (a) 0.08%; (b) 0.1%; (c) 0.2%; (d) 0.4%; (e) 0.6%;
and (f) 0.8%. The scale bar is 1 m.
3.2. The Porosity and the Pore Size Distribution
Figure 2 shows the porosity and the pore size distribution prepared from 0.8% solid loading
slurries of porous films. Figure 2a shows that the total porosity is about 63%; the slope of the curve
slows down after 400 nm, indicating a pore size mostly within 400 nm. The pore size of the porous
conductive film showed bimodal distribution characteristics (Figure 2b) from 50 nm to 1200 nm.
There are two main pore diameter distributions: pores between 50 nm and 500 nm are mainly formed
by freezing-drying; pores between 600 nm and 1200 nm are mainly formed by particle accumulation.
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Figure 2. (a) Porosity and (b) pore size distribution of the porous conductive film.
3.3. The Electrical Conductivity
As conductive polymers, the conductivity of films was their main characteristics. The conductivity
test schematic is shown in Figure 3. The conductivities of the different concentrations porous films
are 8 × 10í5 S·cmí1, 8.1 × 10í5 S·cmí1, 7.9 × 10í5 S·cmí1, 8.7 × 10í5 S·cmí1, 8.6 × 10í5 S·cmí1 and
7.5 × 10í5 S·cmí1, respectively. The conductivities for each of the porous films were similar, which
belong to the range of semiconductors. Therefore, the porous films were conductive.

Figure 3. Structural schematic for measuring the conductivity of films.
3.4. The Electro-Responsive Wettability
Wettability is an important parameter, and porous films usually display a highly hydrophobic
character due to the hydrophobic polymer matrix and the air entrapped inside the pores, which
increases the surface roughness [38]. Figure 4 exhibits the static water contact angles of the
as-prepared polymer porous films from P3HT:PCBM solutions with different concentrations. The
CA data demonstrate that all of the porous films fabricated by the freeze drying method are
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hydrophobic, and the CA increases with increasing the solution concentrations, which indicates that
the hydrophobicity of porous films is increased. The CAs of porous films are larger than those of the
smooth P3HT:PCBM film fabricated by spin-coating, as shown in Figure 5. For example, when the
solution concentration is 0.08%, the porous film is hydrophobic (CA = 105.9° ± 1.1°; Figure 4a);
however, the CA of the smooth film is hydrophilic (CA = 43.6° ± 2.1°; Figure 5a). The hydrophobicity
of porous film can be ascribed to the air trapped in the pores, which can prevent the intrusion of water
into the pores and result in the larger contact angle. Comparing Figures 4 and 5, we can see clearly
that the CA of the porous film is always larger than that of the smooth film prepared from the same
solution. With increasing the solution concentration, the CA increases both for these two kinds of
films due to increasing the amount of the hydrophobic polymers. The highest hydrophobicity of the
porous films with a CA of 143.9° ± 2.7° (Figure 4f) can be obtained because the film prepared from
a solution of 0.8% has a macroporous structure (Figure 1f). Furthermore, we also measured the water
contact angle of the conductive film, which has been prepared for three months. The obtained contact
angle did not change compared with that of the fresh film. The results demonstrate that the prepared
conductive film has good stability.

Figure 4. The water contact angle photos of the conductive polymer porous film
prepared from different concentrations of the polymer solutions: (a) 0.08%; (b) 0.1%;
(c) 0.2%; (d) 0.4%; (e) 0.6%; and (f) 0.8%.
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Interestingly, there is an obvious wettability change for the resultant conductive polymer porous
film when induced by electric fields. The electrowetting phenomenon was systematically investigated
for the polymer porous film surface. Figure 6 shows the CA photos of the porous film prepared from
the solution of 0.8% at different voltages, and the CA versus voltage curve of electrowetting is shown
in Figure 7. We can see that the porous structure surface had a CA of about 144.7° at the initial stage
(0 V). The CA began to decrease slowly when the voltage ranged from 2 V to 24 V; however, the CA
sharply decreased to 25° when the voltage increased to 26 V. The results demonstrate that the
electrowetting happened when the applied voltage ranged from 2 V to 26 V. The phenomenon
indicates that the voltage can affect the CA of the porous structure significantly, and the higher
voltage induced the smaller CA. Finally, a remarkable wettability transition was obtained with a CA
change as large as about 120°. Therefore, the prepared polymer porous film can be transferred from
a highly hydrophobic surface to a highly hydrophilic surface via applying a voltage of 26 V.
In addition, we also studied the advancing and receding angles of the porous film prepared from
the solution of 0.8% at different voltages (Figure 8). Obviously, the water advancing and receding
angles of the polymer porous surface decreased with the increase of the voltage. The initial
advancing angle and initial receding angle were 158.3° ± 1.1° and 157.1° ± 1.1°, respectively.
Additionally, they decreased to 80.1° ± 1.4° and 66.3° ± 1.1° after applying a voltage of 24 V,
respectively. The results testify that the water advancing and receding angles of the as-prepared
porous film can be effectively controlled from relatively high to relatively low by varying the applied
voltage, which is due to the increase of the surface tension of the droplets induced by the voltage.

Figure 5. The water contact angle photos of the smooth polymer film spin-coated from
different concentrations of the polymer solutions: (a) 0.08%; (b) 0.1%; (c) 0.2%;
(d) 0.4%; (e) 0.6%; and (f) 0.8%.
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Figure 6. The water contact angle photos of the conductive polymer porous film
prepared from the polymer solution of 0.8% at different voltages.

Figure 7. The contact angles (CAs) of the porous film prepared from the solution of
0.8% at different voltages.
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Figure 8. The advancing and receding angles of the porous film prepared from the
solution of 0.8% at different voltages.
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This wettability change could be explained by the Wenzel equation:
cos T1

f

V sv  V sl
V lv

(1)

in which ș1 is the Wenzel equilibrium contact angle, f is the surface roughness of porous film and
ısv, ısl and ılv are the interfacial energies of solid-vapor, solid-liquid and liquid-vapor, respectively.
Upon applying a voltage dU, an electric double layer builds up spontaneously at the solid-liquid
interface, in which positive and negative charges accumulate on the conductive polymer porous film
surface and the liquid side of the interface, respectively [39]. This spontaneous accumulation process
eff
leads to a reduction of the (effective) interfacial tension V sl , which can be obtained from the
following formulas:
dV sleff

 U sl dU

(2)

where ȡsl = ȡsl (U) is the surface charge density of the counter-ions on the liquid side [40]. The
eff
voltage dependence of V sl can be calculated by integrating Equation (2), which demonstrates
that applying a voltage will decrease the interfacial tension V sleff . Combining with Young’s
Equation (1), cos TY will increase with decreasing V sleff , the contact angle thus will decrease upon
the application of a voltage.
3.5. Tunable Water Adhesion Properties of the Polymer Porous Film
Adhesive force is a kind of ability of a material adhering to another material surface, which
depends on not only surface structure and chemical composition, but also the external conditions,
such as temperature, humidity, radiation, vibration, voltage, and so on; wherein the voltage is an
important factor that affects the adhesion. In this paper, the adhesive force was defined as the force
required to lift the water droplet off the substrate and can be assessed by a highly sensitive
micromechanical balance system. We investigated the adhesive behaviors of the conductive polymer
porous film prepared from the solution of 0.8% by applying different voltages. The adhesive force
versus applied voltage curve is exhibited in Figure 9. Obviously, the water adhesion of the polymer
porous surface increased with the increase of the voltage. The initial adhesive force was 122 ȝN and
increased to 169 ȝN after applying a voltage of 27 V. The results testify that the water adhesive force
of the as-prepared porous film can be effectively controlled from relatively low to relatively high
adhesion by varying the applied voltage, which is due to the increase of the surface tension of the
droplets induced by the voltage.
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Figure 9. The adhesion force of the conductive polymer porous film at different voltages.
4. Conclusions
The conductive polymer porous film composed of P3HT and PCBM was fabricated by the freeze
drying method. The morphology of the prepared porous film, electrowetting and adhesive forces
induced by the applied voltage were investigated. The SEM images show that the macroporous
structured film could be formed by arranging the lamellar polymer layers in different orientations,
and the pore diameters ranged from 50 nm to 500 nm when the solution concentration of
P3HT:PCBM was 0.8%. The electrowetting phenomenon of the prepared porous film happened
when the applied voltage ranged from 2 V to 26 V, which caused the initial hydrophobic porous
surface to change into a hydrophilic surface. A CA change as large as about 120° occurred, which is
due to the reduction of the interfacial tension of the solid-liquid. In addition, the water adhesive force
of the porous film increased clearly from the initial 122 ȝN to 169 ȝN when a voltage of 21 V was
applied. The obtained conductive polymer porous film with tunable wettability and relatively high
water adhesion will be very useful for manipulating liquid collection and transportation.
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Characterization of Fibrin and Collagen Gels for
Engineering Wound Healing Models
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Abstract: Hydrogels are used for 3D in vitro assays and tissue engineering and regeneration
purposes. For a thorough interpretation of this technology, an integral biomechanical characterization of
the materials is required. In this work, we characterize the mechanical and functional behavior of
two specific hydrogels that play critical roles in wound healing, collagen and fibrin. A coherent
and complementary characterization was performed using a generalized and standard composition
of each hydrogel and a combination of techniques. Microstructural analysis was performed by
scanning electron microscopy and confocal reflection imaging. Permeability was measured using a
microfluidic-based experimental set-up, and mechanical responses were analyzed by rheology. We
measured a pore size of 2.84 and 1.69 ȝm for collagen and fibrin, respectively. Correspondingly, the
permeability of the gels was 1.00·10í12 and 5.73·10í13 m2. The shear modulus in the linear viscoelastic
regime was 15 Pa for collagen and 300 Pa for fibrin. The gels exhibited strain-hardening behavior at
ca. 10% and 50% strain for fibrin and collagen, respectively. This consistent biomechanical
characterization provides a detailed and robust starting point for different 3D in vitro bioapplications,
such as collagen and/or fibrin gels. These features may have major implications for 3D cellular
behavior by inducing divergent microenvironmental cues.
Reprinted from Materials. Cite as: Moreno-Arotzena, O.; Meier, J.G.; del Amo, C.; García-Aznar, J.M.
Characterization of Fibrin and Collagen Gels for Engineering Wound Healing Models. Materials
2015, 8, 1636-1651.
1. Introduction
Wound healing demonstrates the capacity of skin to regenerate in an orchestrated manner.
However, pathological healing processes, such as fibrosis, hypertrophic scars or ulcers, can lead to
major disabilities or even death and have a high global incidence [1]. As a reference, 3–6 million
people in the United States were affected by these disorders in 2010 [2].
The healing process is the result of a complex interaction of many factors that regulate the
development of wounds. This complexity has been addressed by means of diverse approaches.
In vivo [3], in vitro [4,5] and in silico [6] studies have been performed to elucidate fundamental
wound healing mechanisms. In vitro assays have been developed to analyze reepithelialization [7,8].
However, a more complex 3D process occurs in full-thickness injury healing [9]. Novel methodologies
based on microfluidic techniques are being developed that offer unique features for the rational
design of physiologically relevant in vitro systems [10], which could be directed to mimic wound
healing processes. Hydrogels have been employed to resemble the extracellular matrix (ECM) [11,12].
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Although progress has been made, knowledge of the most adequate conditions to recreate the local
microenvironment of wound healing remains lacking.
In a reductionist simplification of the environmental complexity of the wound healing scenario,
three main actors can be distinguished: cells, environmental signaling and the ECM. Most previous
studies have focused on analyzing the cell-environment signaling interaction [13]. The regulatory
role of the ECM is considered critical for cellular processes, e.g., wound healing [14,15]. The ECM
is a 3D fibrillar network that provides both architectural scaffolding and a heterogeneous
signaling distribution in the whole cell vicinity. The biomechanical cues arising from the ECM play
a fundamental role in the modulation of cellular behavior and mechanotransduction in wound
healing [15]. The contributions of matrix stiffness and microstructure on cell behavior have been
widely demonstrated [16,17]. Recent evidence also indicates a relevant role of interstitial flow [18–20]
and ECM confinement level [21–23] on basic cellular processes, e.g., 3D cell migration. Therefore,
to develop accurate biomimetic in vitro models, it is crucial to select the most adequate material to
resemble the ECM in vivo.
In wound healing, the primary matrices are the fibrin clot and the granulation tissue, which is
mainly formed by newly-deposited collagen [15]. To represent these local microenvironments,
biomimetic hydrogels composed of fibrin or collagen I, respectively, are typically used [24,25].
These proteins are very useful because they self-assemble at a proper ionic strength [26]. However,
for applications with the objective of recreating wound healing environments, a profound knowledge
of the biomechanical and biophysical properties of both hydrogels is required.
In this regard, multiple studies have analyzed the microstructural features and bulk stiffness of
similar hydrogels [27–30]. As elements of the microstructure, fiber arrangement and diameter have
been extensively studied by scanning electron microscopy (SEM) [31] and confocal reflection
imaging (CRI) [32]. Rheological [29,30,33,34], axial tensile tests [28,35] and other techniques [36,37],
as well as assays at the individual fiber level [38,39] have been performed. A limited number of
studies have also quantified the hydraulic resistance of gel scaffolds to fluid flow. These studies have
focused on improving the nutrient diffusion in scaffolds for tissue engineering applications [40,41]
or analyzing 3D cell migration [18,42].
The application of collagen and fibrin hydrogels as scaffolds in tissue engineering and in vitro
experiments and their biomechanical characterization have increased remarkably [27,29,35].
However, these studies have employed a wide diversity of hydrogel compositions and different
measurement methods [43]. Modification of the gel composition, polymerization temperature or pH
alters various biophysical properties [44]. These variations hinder the application of hydrogels in the
controlled representation of microenvironments for wound healing experiments, as well as the
analysis of the impact of these parameters on the cell response.
Due to the infeasibility of addressing all possible combinations, in this work, we chose generalized
and defined compositions for the gel scaffolds. The chosen specific collagen and fibrin gels have
been widely used as physiologically-relevant matrix representations [33,43,45], in applications such
as wound healing. Our main aim was to establish a quantitative evaluation of the functional behavior
of both hydrogels under experimental conditions that were as comparable as possible. Therefore, we
assessed not only the microstructural and rheological properties of both scaffolds, but also their
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hydraulic resistance to fluid flow. We obtained coherent and corresponding datasets for each
hydrogel composition using four complementary experimental techniques that have not previously
been used in combination for these gels. This work reports the complete characterization of relevant
parameters for biomimetic matrices for 3D in vitro assays and primarily focuses on mimicking
wound regeneration using widely-used collagen and a fibrin hydrogel compositions. The presented
methodology could also be suitable for the study of other scaffolds and their variations.
2. Experimental Section
2.1. Preparation of Fibrin and Collagen Gels
2.1.1. Fibrin Gels
Plasminogen-, fibronectin- and factor XIII-depleted human fibrinogen (American Diagnostica
GmbH) was diluted in buffer (50 mM Tris, 100 mM NaCl and 5 mM EDTA) as indicated by the
provider. The fibrinogen was mixed with human FXIII (American Diagnostica GmbH) and allowed
to polymerize in the presence of human alpha-thrombin (American Diagnostica GmbH), CaCl2
(Sigma) and cell culture media FGM-2 BulletKit (Lonza). Finally, the hydrogels were hydrated and
stored in an incubator for 24 h before initiating any experiment. The pH of the gels was 7.4, and the
concentration of each constituent per final volume was 3.3 mg·mLí1 fibrinogen, 22 ȝg·mLí1 FXIII,
1 U·mLí1 thrombin and 5 mM CaCl2.
2.1.2. Collagen Gels
The procedure for constructing collagen gels was adapted from a previous work by Shin et al. [46].
Collagen type I (BD Biosciences) was buffered to a final concentration of 2 mg·mLí1 with
10× DPBS (Gibco) supplemented with calcium and magnesium, cell culture media FGM-2 BulletKit
(Lonza) and cell culture-grade water (Lonza). The pH of the dilution was adjusted to 7.4 with NaOH.
Mixtures were allowed to polymerize inside humid chambers at 37 °C. Next, the gels were hydrated
and stored in an incubator for 24 h before experimentation.
2.2. Scanning Electron Microscopy
Hydrogels were fixed with 2.5% glutaraldehyde (Sigma-Aldrich) followed by 1% electron
microscopy grade osmium tetroxide (Ted Pella, Inc., Redding, CA, USA). The hydrogels were
subsequently dehydrated in 30%, 50%, 70%, 80% and 95% ethanol solutions, respectively. Gels
were freeze-fractured in liquid nitrogen before a final dehydration step in 100% ethanol. The gels
were finally subjected to critical point drying using a Baltec CPD030. The samples were
sputter-coated with gold-palladium for 4 min using an Emitech K550, resulting in a layer thickness
of 15 nm. The samples were visualized by high-resolution imaging with a Merlin field emission
scanning electron microscope (FESEM) from Zeiss with a beam voltage of 1 kV and a magnification
of 80–120 kX.
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2.3. Confocal Reflection Imaging
Confocal reflection was performed using a Leica SP2 equipped with a 63×/1.4 N.A. (numerical
aperture) oil immersion lens. The samples were excited at 488 nm with an argon laser and detected at
479–498 nm.
2.4. Microstructural Analysis
To elucidate the microstructural features of the 3D networks, confocal reflection imaging (CRI)
and SEM images were acquired as previously described. The void ratio, pore size and fiber radius
were evaluated using the free software ImageJ [47]. For the fiber radius and pore size measurements,
a straight line and measurement tools were employed. For void ratio analysis, confocal reflection
images were binarized. The fiber-to-pore ratio was subsequently calculated from the areas of white
(pores) and black (fibers) pixels within the binary images. Three independent sets were examined for
each hydrogel, and the data are presented as the mean ± SEM.
2.5. Permeability Experiments
To measure Darcy’s permeability (  ) ܭof the hydrogels, a specific microfluidic-based
experimental set-up was employed. This set-up reproduced the hydraulic environment of the in vitro
physiological studies of wound healing. A microfluidic platform was used to assess the permeability
values of both hydrogels.
The gels were allowed to polymerize within the microfluidic devices, which were fabricated as
described by Shin et al. [46]. Medium reservoir tubes were inserted into the channel outlets (shown
in Figure 1) as described by Sudo et al. [48]. The difference in height of the media columns on both sides
of the gel caused a pressure gradient of 500 or 13 mm of H2O for fibrin and collagen, respectively.

Figure 1. Microfluidic-based experimental set-up for permeability measurements.
(a) The schematic shows the arrangement of the media columns with respect to the
geometry. The design comprises a central gel cage (fuchsia) and two main media
channels (pink), which are connected to the corresponding media columns. (b) A picture
of an actual experiment demonstrates a pressure difference of approximately 100 Pa
across the gel induced by the height difference between the media columns on both sides
of the geometry.
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From Darcy’s law, the relationship between the pressure difference and the permeability is
as follows:
οሺሻ ൌ  οሺͲሻ  ିୡ୲ 

(1)

where  ݐis time, οܲሺݐሻ is the pressure difference at each time point and οܲሺͲሻ is the initial
pressure difference. The constant ܿ is related to the permeability ܭ, as shown below [48]:
 ሺଶ ሻ ൌ 

 Ɋ    ୰
ɏ

(2)

where Ɋ and ɏ are the viscosity and density of the fluid, respectively,  ܮis the length of the gel
through which the pressure drop is established, ܣ is the area of the media reservoirs, ݃ is the
acceleration due to gravity and  ܣis the cross-sectional flow area.
Therefore, Equation (1) states that, for a given initial pressure difference, the pressure difference
will tend to equilibrium with an exponential decay. Based on this interpretation, by tracing the
experimental pressure difference drop over time, the measured data points were fitted using
Equation (1), and the value of c was obtained for each hydrogel. Finally, to characterize the interstitial
resistance to flow, Equation (2) was solved for K, and Darcy’s permeability values were determined.
2.6. Rheology
For the rheological measurements, a Bohlin Gemini 200 HR Nano rheometer was used. The lower
torque limit of the instrument was 3 nN·m in oscillation. All tests were performed using a cone-plate
geometry with a diameter of 40 mm, a cone angle of 1° and a truncation height of 30 m. The
temperature was maintained at 37 °C ± 0.1 °C using a Peltier plate.
The samples were pipetted onto the rheometer plate by filling its gap, as demonstrated in Figure 2.
To prevent evaporation, the shear gap was covered with a 0.1 Pa·soil, used for calibration.

Figure 2. Image sequence of the gel filling process on the rheometer. Once the sample
was mixed, it was pipetted in situ onto the rheometer plate (a); then, the gap was adjusted
(b), and the sample was covered with oil (c) to prevent evaporation; the set-up was then
ready to conduct the experiment (d).
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The curing reaction was traced by measuring the evolution of the shear modulus over time at a
constant temperature of 37 °C, an oscillation frequency of 1 rad·sí1 and an applied strain amplitude
of 0.005. The dependence of the sample moduli on the oscillatory strain amplitude was measured at a
constant temperature of 37 °C for excitation frequencies of 0.1 Hz and 0.01 Hz. The strain amplitude
was varied in a logarithmically-equidistant interval of 10 measurement points per decade from 0.001
to 1. For each point, data from 6 periods were accumulated.
3. Results and Discussion
3.1. Microstructural Study
Confocal reflection and SEM images were acquired to visualize both the collagen and fibrin
hydrogels. As shown in Figures 3 and 4, the lattices of fibrin were more entangled than those of
collagen. The collagen networks exhibited twisted patterns formed by bundled fibers, consistent with
that reported by Lai et al. [28,35]. The assembled fibrin fibers were straighter and appeared more
individually, consistent with its role in physiological clot structures [49].
In addition to this qualitative assessment, microstructural features, such as the void ratio, pore size
and fiber radius, were estimated from the images and are summarized in Table 1. As shown in the
images, the fiber density of the fibrin networks was greater than that of the collagen matrices, leading
to void ratios of approximately 71% and 80%, respectively. Accordingly, the pore size was 1.69 ȝm
for fibrin and 2.84 ȝm for collagen. The fiber radii were approximately 79 and 66 nm for fibrin and
collagen, respectively. For the collagen fibers, the variation of the measured data was quite high,
probably due to the variability introduced by the characteristic bundling.
Table 1. Microstructural characteristics of the hydrogels †.
Void ratio (%)

Collagen

Fibrin

80.15 ± 1.82

71.46 ± 1.00

Pore size (ȝm)

2.84 ± 0.94

1.69 ± 0.33

Fiber radius (nm)

79.51 ± 33.16

66.53 ± 13.57

†

Data are the mean ± SEM.

3.2. Permeability Quantification
Previous work has primarily focused on analyses of microstructure and bulk stiffness due to the
key roles of these properties in basic cellular events in 2D [50]. However, wound healing primarily
occurs under 3D conditions, and there is accumulating evidence that the confinement of cells has a
crucial role on their behavior [21,22,51,52]. A bulk quantity that relates to the confinement feature of
hydrogels is their hydraulic resistance. The hydraulic resistance of hydrogel matrices not only
controls the transport of nutrients and the shear stress exerted on cells, but also regulates the
directional migration of the cells [42,53]. Therefore, in this characterization, we include the
assessment of the hydraulic resistance to fluid flow of the scaffolds, because it is key to the rational
design and interpretation of physiologically-relevant microsystems.
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Figure 3. 3D network of the hydrogels. The confocal reflection images show the
arrangement of the fibrillar networks for (a,b) fibrin and (c,d) collagen gels. (a) and (c)
show a general view; (b) and (d) are zoomed images of the right-bottom corner of the
previous images, respectively. Fibers composing the collagen networks are twisted,
whereas the fibers in the fibrin appear straighter. Scale bars correspond to 10 ȝm.

Figure 4. Fiber layout within hydrogels. SEM images of (a,b) fibrin and (c,d) collagen
gels acquired at magnifications of 80–120 kX show the morphological features of the
fibers. The collagen fibers exhibit characteristic bundling, whereas the fibrin fibers are
formed more individually. The scale bars correspond to 200 nm.
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To quantify the hydrogel permeability, we generated an initial pressure difference across both
hydrogels. As shown in Figure 5, the decrease in pressure difference over time was then monitored.
The obtained data points were then fitted to an exponential function formatted as in Equation (1), and
R2 values of 0.96 and 0.98 for fibrin and collagen, respectively, were obtained. The exponent
coefficient valuesሺܿሻ from the fitting were 0.13 hí1 or 4.00·10í05 sí1 for fibrin and 0.24 hí1 or
7.00·10í05 sí1 for collagen. Likewise, by solving Equation (2) for  ܭ, we calculated Darcy’s
permeability for fibrin and collagen: 5.73·10í13 and 1.00·10í12 m2, respectively. The values ofܿ and
 ܭare provided in Table 2. These parameters establish the resistance that a particular porous matrix
exerts on the convective fluid flow, i.e., the velocity with which a pressure difference will tend
toward equilibrium. Figure 6 illustrates, for a given initial pressure difference, the pressure
difference decay for both hydrogels. Pressure equilibrium is achieved more rapidly in the collagen
gels than the fibrin gels, indicating less resistance to flow and consistent with the greater void ratio and
pore size of the collagen gel observed in the image analysis and other previous measurements [41,42].

Figure 5. Pressure difference drop over time in hydrogels. The experimental data points
of the pressure difference vs. time were plotted and fitted to an exponential function for
fibrin (left) and collagen (right) gels. The resulting expressions and R2 values are also
indicated. The exponent coefficient determines the value of the permeability ()ܭ.

Figure 6. Comparison of the pressure difference drop for both hydrogels. The curves
show the pressure difference drop over time for a given initial pressure difference for the
collagen and fibrin hydrogels. Compared with collagen, the lower permeability (K) of the
fibrin results in a slower function decay.
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Table 2. Resistance to fluid flow.
Collagen

Fibrin

Exponent coefficient, c (sí1)

7.00·10í05

4.00·10í05

Darcy’s permeability, K (m2)

1.00·10í12

5.73·10í13

3.3. Mechanical Response
The polymerization was traced for 3 h, beginning immediately after the gel solution was pipetted
and set within the rheometer plate. Figure 7 shows the evolution of the shear modulus (G’) over time
at a constant temperature of 37 °C. The biexponential function given in Equation (3) fits the
measured data points well, thus suggesting two processes with distinct reaction rates (a fast and a
slow rate), t1 and t2, resulting in an increase in the value of the modulus:
 ܩᇱ ሺݐሻ ൌ  ܩᇱଵ ൬ͳ െ ݁
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where G’1 and G’2, are the associated parameters that characterize the modulus contribution of each
process and xc is the parameter that adjusts the time scale to the beginning of the reactions.

Figure 7. Time evolution of the shear modulus (G’) of the hydrogels. The temperature
was maintained at 37 °C; the excitation frequency was 1 rad·sí1; and the strain amplitude
was 0.005. The lines are fits to the biexponential Equation (3). Note that the
polymerization of the gels was not yet complete, cf. Figure 8.
The fitted parameter values are shown in Table 3. The fast and slow processes may be associated
with the fibrillogenesis of the filaments (fast) and the growth and crosslinking of these filaments
(slow) to form a fiber network. Clearly, fibrin cured faster than collagen under the conditions studied
and achieved significantly greater modulus values. Furthermore, the fast and the slow processes are
more easily distinguishable in fibrin compared with collagen. Fibrin gels are cross-linked and
stabilized by FXIII; accordingly, the complete cross-linking of a blood clot during coagulation takes
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longer than the formation of its fibrillar backbone [29], which could explain the differences in the
polymerization kinetics of the hydrogels (see Figure 7). This fact could also explain why confocal
scanning micrographs do not show much difference with or without ligation [38].
Table 3. Parameters used to fit Equation (3) to the measured data in Figure 7.
Fibrin

Collagen

Value

Error

Value

Error

G’1

31.12

0.48

11.70

0.10

t1

211.87

11.09

896.75

22.16

G’2

50.78

0.35

7.11

0.30

t2

4,045.83

113.48

13,919.40

1,431.71

xc

117.52

4.63

í591.82

15.62

After tracing the curing, the samples remained at rest in situ for 24 h before initiating any
subsequent rheological experiments. Strain sweep assays were performed for excitation frequencies of
0.1 and 0.01 Hz. Figure 8 outlines the dependence of the measured elastic (G’) and viscous (G’’)
shear moduli on the applied strain amplitude for the fibrin and collagen gels. For the measured
excitation frequencies, the registered moduli were similar within the experimental error. The
mechanical response of the hydrogels tested by means of oscillatory strain amplitude sweeps
revealed the shear modulus in the linear viscoelastic regime and the onset of strain hardening at
greater strains (non-linear regime) of the individual hydrogels.
In the linear viscoelastic regime, for the fibrin networks, we measured an elastic shear modulus of
300 Pa, which matches other published values [27,29,33,45]. For the collagen gels, a value of 15 Pa
was determined. These data agree with previous measurements obtained using analogous gel
preparations [30,54]. Comparing fibrin to collagen, we attributed the dramatic increase in stiffness to
FXIII, consistent with its role in acute clots to prevent bleeding problems [49], because the protein
concentration difference between the hydrogels and the difference in the microstructural parameters
appeared too small to explain the difference in modulus alone.
Both materials were characterized by substantial strain hardening, which occurred within the
strain range of 10%–100% and 50%–100% for fibrin and collagen, respectively. On a physical level,
the strain hardening of biological hydrogels can be interpreted in analogy to the polymer network
theory of semiflexible chains. Semiflexible chains are characterized by similar magnitudes of persistence
length and contour length. In networks, the relevant contour length is the distance between network
junctions. Such semiflexible chains do not form loops and knots, yet are sufficiently flexible to have
significant thermal bending fluctuations [30]. Therefore, in a simplified picture, the onset of strain
hardening relates to the straightening of these semiflexible filaments in the network upon straining.
An earlier onset of strain hardening suggests a lower degree of freedom and lower thermal
fluctuations as a result of a greater ratio of the persistence to the contour length or, in other words, a
straighter filament.

180

Figure 8. Strain sweeps of hydrogels. Elastic (G’) and viscous (G’’) shear moduli are
shown as a function of the strain amplitude (Ȗ) in parts per unit at frequencies of 0.1 Hz
and 0.01 Hz. The temperature during the experiments was maintained at 37 °C. Strain
hardening of fibrin and collagen occurred at 10% and 50% strain, respectively. In the
elastic range, the elastic shear modulus was 300 and 15 Pa, respectively.
It is tempting to associate the straighter appearance of the fibrin filaments relative to the collagen
filaments, as observed in the confocal reflection images (cf., Figure 3), with the somewhat earlier
onset of strain hardening in the fibrin and, consequently, to the greater ratio of the persistence to the
contour length in the fibrin hydrogel.
In fact, strain hardening is generic to any network composed of semiflexible filamentous
proteins [29,30,38,55]. Many soft tissues, such as blood clots, stiffen as they are strained to prevent
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large deformations that could threaten tissue integrity [30,56,57]. Therefore, strain hardening
performs an essential physiological function. Moreover, during wound healing in vivo, the ECM is
exposed to repeated strain due to cellular contractile machinery, cellular motility, blood flow or
interstitial flow [29]. Likewise, at a cellular level, cells embedded in 3D exert forces that cause
deformations of 10%–50% in the cell surroundings (20 microns far from the cell margin) and 10%
away from the cell [58]. Therefore, we assume that, during wound healing, cells settle their
contractile activity within the linear range. In addition, the characterization of the strain hardening
and its onset is, in our opinion, an important parameter to control the creation of biomimetic hydrogels
for wound healing applications.
4. Conclusions
We have presented a consistent characterization of two widely-used hydrogel compositions
based on fibrin and collagen I as biomimetic environments for in vitro wound healing studies. The
microstructural parameters obtained from microscopic techniques that probed the local and 2D
environments correlate with the permeabilities and mechanical values measured using experimental
techniques capable of measuring bulk properties in 3D. The studied fibrin hydrogel is characterized
by a lower void ratio, lower permeability and a significantly greater shear modulus compared with
the collagen hydrogel.
Distinct biomechanical properties differentially regulate migration in 2D and 3D [59]. Although
2D system mechanisms are generally established, the effects of different biomechanical properties of
hydrogel materials, such as matrix stiffness [60], microarchitecture [61] or confinement [22], on 3D
migratory patterns remain to be elucidated. In this sense, the presented functional characterization
of the two widely-used fibrin and collagen hydrogels provides complementary and coherent
experimental parameters for the biomechanical properties of the studied hydrogels as a basis for an
interpretation of cellular studies in 3D for wound healing experiments. Therefore, the data presented
here will open new possibilities for future models, both in silico and in vitro, of the main mechanisms
that regulate wound healing. Furthermore, microfluidic systems, which are biomimetic 3D models in
which hydrogels are embedded, will provide multiple possibilities for improving the recreation of the
wound healing microenvironment and enable the incorporation of cell cultures, as well as co-cultures
of different cell types.
Finally, our experimental approach provides a method for the measurement of the most relevant
biomechanical properties of hydrogels, enabling a systematic study of the influence of the numerous
combinations of compositions and preparation conditions on these scaffolds and, consequently,
cell behavior.
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Polypropylene Biocomposites with Boron Nitride and
Nanohydroxyapatite Reinforcements
Kai Wang Chan, Hoi Man Wong, Kelvin Wai Kwok Yeung and Sie Chin Tjong
Abstract: In this study, we develop binary polypropylene (PP) composites with hexagonal boron
nitride (hBN) nanoplatelets and ternary hybrids reinforced with hBN and nanohydroxyapatite
(nHA). Filler hybridization is a sound approach to make novel nanocomposites with useful biological
and mechanical properties. Tensile test, osteoblastic cell culture and dimethyl thiazolyl diphenyl
tetrazolium (MTT) assay were employed to investigate the mechanical performance, bioactivity and
biocompatibility of binary PP/hBN and ternary PP/hBN-nHA composites. The purpose is to prepare
biocomposite nanomaterials with good mechanical properties and biocompatibility for replacing
conventional polymer composites reinforced with large hydroxyapatite microparticles at a high
loading of 40 vol%. Tensile test reveals that the elastic modulus of PP composites increases, while
tensile elongation decreases with increasing hBN content. Hybridization of hBN with nHA further
enhances elastic modulus of PP. The cell culture and MTT assay show that osteoblastic cells attach and
proliferate on binary PP/hBN and ternary PP/hBN-20%nHA nanocomposites.
Reprinted from Materials. Cite as: Chan, K.W.; Wong, H.M.; Yeung, K.W.K.; Tjong, S.C.
Polypropylene Biocomposites with Boron Nitride and Nanohydroxyapatite Reinforcements.
Materials 2015, 8, 992-1008.
1. Introduction
In recent years, the global demand for artificial human bone replacements has been ever
increasing due to a surge in the number of patients suffering from aging, bone disease and injury.
Most orthopedic implants are made of metallic materials, including austenitic 316L stainless steel,
cobalt-chromium and titanium-based alloys, due to their high mechanical strength and good
ductility. However, the Young’s modulus of such metallic alloys far exceeds that of human bones. This
creates a stress shielding effect of the surrounding bone tissue, causing the implant to carry a higher
proportion of the applied load. Consequently, bone resorption and loosening of the metallic implant can
result in the failure of the replacement. Moreover, human body fluids with about 0.9 wt% sodium
chloride at 37 °C are hostile to metallic alloys. Thus, metallic implants may undergo electrochemical
dissolution or corrosion upon exposure to human body fluids, releasing metallic ions that induce
inflammatory response, allergy and cytotoxicity.
In general, nickel ion is the main cause of allergy, followed by cobalt and chromium [1,2].
Furthermore, Cr3+ and Co2+ ions can bind to several cellular proteins, induce oxidation and impair
their biological function, thereby causing cell death and tissue damage [3]. Generally, stainless steels
exhibit good wear and corrosion resistance in aqueous environments due to the formation of thin
passive oxide/hydroxide films on their surfaces [4–6]. Unfortunately, chloride ions can breakdown
the passive films of stainless steels, causing pitting and crevice corrosion and creating anodic
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dissolution in localized regions of steels. Cobalt-chromium and 316L steel are susceptible to
localized corrosion in physiological saline Ringer’s solution. Ti-based alloy, such as Ti-6Al-4V, is
more corrosion resistant, but inferior wear behavior is its main disadvantage [7]. These potential
risks and health hazards with metallic devices have motivated materials scientists to search for other
materials with good biocompatibility and no cytotoxicity.
Polymers usually find useful applications in biomedical sectors, due to their being lightweight,
the ease of fabrication and the relatively low cost [8–11]. Their tensile stress and modulus can be
monitored by adding fillers of micrometer sizes [12–18]. Thus, the composite approach is an
effective route for producing polymer biomaterials with desired mechanical properties for bone
replacements. As an example, Bonfield and coworkers added 40 vol% hydroxyapatite microfillers to
high-density polyethylene to form HAPEXTM composite [19,20]. Hydroxyapatite resembles the
mineral component of human bones and is responsible for their mechanical strength and stiffness.
However, synthetic hydroxyapatite microparticles (mHA) usually debond from the polymer matrix
during the tensile test [21]. Moreover, large mHA particles usually break into small fragments upon
tensile loading. These effects directly cause ineffective load transfer from the matrix to mHA fillers,
resulting in low tensile strength and failure of the composite [21].
Recent advances in nanoscience and nanotechnology have led to the development and creation of
functional nanomaterials with unique chemical, physical mechanical and biological characteristics.
In the past decade, the use of nanomaterials in healthcare and biomedical sectors has been rapidly
growing due to their potential applications in antimicrobial, bioimaging, drug delivery and
orthopedic sectors [22–24]. As recognized, bone tissues are composed of nano-hydroxyapatite
(nHA) platelets and collagen fibers. Accordingly, synthetic nanohydroxyapatite particles have been
used as reinforcing fillers for non- and degradable polymers to form nanocomposites for
biomedical applications, e.g., bone plates and bone scaffolds [25–31]. The attachment and growth
of osteoblasts are significantly enhanced on the surface of nHA fillers. In addition, the filler loadings
in thermoplastic polymers can be drastically reduced by adding nHA particles. The incorporation
of 20 wt% nHA (6.67 vol%) to polypropylene (PP) gives rise to good biocompatibility [32]. The
nHA/polymer nanocomposites exhibit better mechanical properties over conventional mHA/polymer
composites at the same filler loading level.
In previous studies, we simultaneously added nHA and carbon nanotubes (CNTs) or carbon
nanofibers (CNFs) to PP to form biocomposites for bone replacements [32,33]. The addition of low
CNT/CNF loadings to nHA/PP composites further enhances their mechanical performance due to the
large aspect ratio and remarkable high stiffness of carbonaceous nanofillers. Generally, CNTs are
compatible with biological cells, provided that they are firmly embedded within the matrix of
polymer composites. However, standalone or individual CNT suspension is reported to be particularly
toxic to biological cells, and the cytotoxicity increases with increasing nanotube doses [34–36]. This
is because needle-like CNTs can penetrate through the cell membrane and finally reside in the
nucleus. BN sheets can also be rolled up into nanotubes with cellular seeding and growth behaviors
similar to those of CNTs [37]. In certain cases, boron nitride nanotubes are even more cytotoxic than
CNTs [38,39]. Hexagonal boron nitride (hBN) with a layered structure like graphite generally
exhibits excellent lubricant behavior, superior thermal and chemical stability and good
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biocompatibility [40,41]. hBN and titania have been used as a filler for chitosan acting as a protective
coating for stainless steel substrate [42]. In this study, we attempted to use planar hBN and
nanohydroxyapatite to reinforce PP to form biocomposites for bone replacements. Boron nitride with
platelet morphology was selected in order to avoid the cytotoxicity of tubular boron nitride. The main
interest in employing layered hBN in polymer hybrid composites was their high chemical stability,
good processability and good biological activity [43]. No information is available in the literature on
the biocompatibility and tensile behavior of the hBN platelet/PP nanocomposites and hBN-nHA/PP
hybrids for biomedical applications. To the best of our knowledge, the present work is the first
investigation of the development of PP nanocomposites reinforced with hBN platelets and nHA rods
and their biocompatibility.
2. Experimental Section
2.1. Materials
Nanostructured & Amorphous Materials Inc. (Houston, TX, USA) supplied hBN powders for this
study. Figure 1 shows the TEM image of hBN powders. TEM examination was performed using a
Philips CM-20 TEM microscope (Philips, Amsterdam, The Netherlands) attached to an energy
dispersive X-ray spectrometer. Apparently, hBN exhibited a platelet feature with sizes ranging from
about 30 to 150 nm. Nanohydroxyapatite powders with a rod-like feature, i.e., a length of about
100 nm and a width of 20 nm, were purchased from Nanjing Emperor Nano Materials (Nanjing,
China). Figure 2 shows the TEM image of nHA with rod-like feature. Polypropylene pellets for injection
molding purpose (Mophlen HP 500N) were obtained from Basell (Jubail, Saudi Arabia). In general,
surface coupling agents can enhance interfacial bonding between the filler and the matrix; however,
they may induce cytotoxicity [44]. Both hBN and nHA fillers were not treated with organic surface
coupling agents in order to avoid cytotoxicity of the biocomposites.
2.2. Preparation of Nanocomposites
Extrusion and injection molding are versatile and effective processes for large-scale manufacturing of
PP-based composites [13,15,45]. Table 1 summarizes typical compositions of binary PP/hBN and
ternary PP/hBN-nHA composites. Prior to melt-mixing, PP pellets were dried in an oven at 60 °C for
24 h. Melt compounding was first performed by feeding the material mixtures into a Brabender
twin-screw extruder at a screw rotation speed of 30 rpm. The six barrel zones of this extruder were
heated to temperatures ranging from 190 to 230 °C. Extruded products were sliced into small pellets
and loaded into the Brabender extruder again. The purpose was to obtain effective mixing and
homogeneous dispersion of reinforcing fillers in the polymer matrix. The products were pelletized
again, dried overnight in an oven and subsequently molded into dog-bone tensile bars and circular
disks using an injection molder (Toyo TI-50H, Akashi, Japan). The disks were primarily used for cell
seeding and proliferation measurements. The composites were twice extruded for filler homogenization
followed by injection molding; the matrix material could be degraded slightly. However, applied
stress was mainly carried by the fillers of composites, thus minute matrix degradation would not
affect overall mechanical performance of the composites greatly. Furthermore, nHA fillers were
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found to be very effective at improving the dimensional and thermal stability of PP [32]. Such a
“three-step processing” strategy was also adopted by other researchers for making composite materials
with improved physical and mechanical properties [46].

Figure 1. TEM micrographs of hexagonal boron nitride (hBN) showing platelet feature
with sizes ranging from about 30 to 150 nm.

Figure 2. TEM micrograph of nHA showing rod-like feature with an average length of 90 nm.
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Table 1. The compositions of the polypropylene (PP) composites studied.
nHA, nanohydroxyapatite.
Specimen

PP (wt%)

hBN (wt%)

nHA (wt%)

PP/5% hBN

95

5

0

PP/10% hBN

90

10

0

PP/15% hBN

85

15

0

PP /20% hBN

80

20

0

PP/20% nHA

80

0

20

PP/5% hBN-20% nHA

75

5

20

PP/10% hBN-20% nHA

70

10

20

PP/15% hBN-20% nHA

65

15

20

2.3. Material Characterization
Scanning electron microscopy (SEM) was employed to examine the morphologies of fillers,
composites and osteoblasts. Both field-emission SEM (Jeol JSM-6335F, Tokyo, Japan) and
conventional SEM (Jeol JSM 820, Tokyo, Japan) were used for this purpose. The surfaces of
composite samples were deposited with a thin carbon film. Tensile experiments were performed at
room temperature using an Instron tester (Model 5567, Norwood, MA, USA) at a crosshead speed of
10 mm·miní1 in accordance with ASTM D638-08 [47]. Young’s modulus of the samples was
determined from the linear region of stress-strain curves. Five samples of each composition were
used for testing, and the average values were evaluated.
2.4. Cell Seeding and Proliferation
Human osteoblasts (Saos-2) were seeded in Dulbecco’s Modified Eagle’s Medium (DMEM)
supplemented with 10% fetal bovine serum, penicillin and streptomycin. The samples (4 × 4 × 1 mm)
for cell cultivation and proliferation tests were sliced from injection molded disks into small
rectangles. They were rinsed with 70% ethanol and phosphate-buffered saline (PBS) solutions.
A suspension of Saos-2 containing 104 cells was seeded on these samples placed in a 96-well plate
and then kept in a humidified incubator with 5% CO2 in air at 37 °C for 4 and 7 days, respectively.
The culture medium was refreshed every two days. Following the incubation, the samples were
washed with PBS and fixed with 10% formaldehyde, followed by dehydration through a series of
graded ethanol solutions and critical point drying. Once dry, they were deposited with a thin gold
film and placed inside SEM.
The proliferation of osteoblasts on all specimens was assessed using the
3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide (MTT) assay in 96-well plates. A cell
suspension with 104 cells was introduced to cultured plates with and without samples followed
by incubation in a humidified atmosphere of 5% carbon dioxide in air at 37 °C for 4 and 7 days,
respectively. The culture medium was refreshed every 2 days. At selected cultivation periods, the
medium was aspirated, then 10 ȝL of MTT solution (5 mg MTT:1 mL DMEM) was added to each
well and incubated for 4 h for at 37 °C. At this stage, the tetrazolium ring of MTT salt was cleaved by
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the succinic dehydrogenase in mitochondria of viable osteoblasts, forming insoluble formazan
crystals. The formazan was lastly dissolved in 10% sodium dodecyl sulfate (SDS)/0.01 M
hydrochloric acid (100 L). The absorbance or optical density (OD) of dissolved formazan was
quantified spectrophotometrically at a wavelength of 570 nm using a multimode detector (Beckman
Coulter DTX 880, Fullerton, CA, USA), with a reference wavelength of 640 nm. Wells with culture
medium, MTT, SDS and osteoblasts were used as the control, while wells without osteoblastic cells
were employed as a blank background. The samples were used for each test, and the results were
expressed in terms of mean ± standard deviation (SD). MTT tests were repeated at least twice.
3. Results and Discussion
3.1. Morphology and Mechanical Behavior
Figure 3a,b shows representative SEM images of binary PP/5% hBN and PP/15%hBN
composites. Apparently, hBN fillers are dispersed uniformly in the PP matrix of these composites.
The morphology of the typical PP/15% hBN-20%nHA hybrid at low and high magnifications is
shown in Figure 4a,b, respectively. Similarly, hBN fillers are distributed homogeneously in the
polymer matrix. However, aggregates of nHA fillers can be observed in the PP/15% hBN-20%nHA
hybrid, due to its high nHA content, i.e., 20 wt%. Large nHA content is added to the PP hybrid in
order to promote the adhesion and proliferation of osteoblasts. PP homopolymer is bioinert and, thus,
ineffective for anchoring osteoblasts on its surface. As mentioned before, bone tissues are composed
of nHA platelets and collagen fibers. Homogeneous dispersion of nHA in the PP matrix can be
achieved by adding low nHA contents. However, such PP nanocomposites are unsuitable for
biomedical implant applications due to their low biocompatibility. From our previous study, a
minimum nHA content of 20 wt% is required for achieving good bioactivity and biocompatibility
of the PP composites [32].

(a)
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Figure 3. Cont.

(b)
Figure 3. SEM micrographs showing fractured surfaces of (a) PP/5% hBN and
(b) PP/15% hBN composites with a uniform dispersion of hBN fillers. Black arrow: hBN.

(a)
Figure 4. Cont.
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(b)
Figure 4. SEM micrographs showing fractured surface of PP/15% hBN-20% nHA
hybrid at (a) low and (b) high magnifications. nHA aggregates can be readily seen.
Black arrow: hBN; white arrow: nHA.
The tensile test results for all specimens studied are tabulated in Table 2. For comparison, the
tensile properties of high-density polyethylene (HDPE) composites reinforced with 10, 20, 30 and
40 vol% mHA (4.14 ȝm), as well as human cortical bone are also listed in this Table [44,48]. It is
apparent that the hBN additions up to 20 wt% are beneficial for improving the elastic modulus of PP
composites. Moreover, hBN-nHA filler hybridization further increases the modulus of composites,
as expected. The PP/15%hBN-20%nHA hybrid displays a maximum modulus of 2.38 GPa, being
a 69% improvement over PP. The Young’s modulus vs. hBN content plots for binary PP/hBN
composites and ternary PP/hBN-nHA hybrids are summarized in Figure 5. From Table 2, PP exhibits
a large elongation at break (>600%). The additions of 5% and 10% hBN to PP do not impair its
tensile ductility. However, the elongation of PP drops to 300% by adding 15 wt% hBN and further
reduces to 43% with the addition of 20% hBN. This is due to the interaction between the hBN fillers
and the matrix restricts the movement of PP polymer chains at high filler loadings. This behavior
is commonly observed in PP composites reinforced with fillers of micro- and nano-scale
dimensions [45,49–51]. Hybridization of BN and nHA fillers decreases the tensile elongation of PP
composites markedly, especially at high filler contents. Table 2 also reveals that conventional HDPE
composites require 20 vol% mHA content to achieve a modulus of 1600 MPa and 30 vol% mHA to
reach 2730 MPa. However, the modulus of PP reaches 1615 MPa by adding only 4.5 vol% hBN and
further increases to 2383 MPa by adding 7.0 vol% (15 wt%) hBN and 6.67 vol% (20 wt%) nHA. The
total hybrid filler content in PP/15 wt% hBN-20 wt% nHA composite is 13.67 vol%, being smaller
than that of the HDPE/30 vol% mHA composite. The modulus of the PP/15 wt% hBN-20 wt% nHA
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hybrid is close to that of the HDPE/30 vol% mHA composite, but the tensile strength of the
former is 27.5% higher than that of the latter. It is noted that the biocompatibility of the
HDPE/30 vol% mHA composite is unsatisfactory; thus, filler loading of 40 vol% mHA is needed to
fabricate conventional HAPEXTM composite. The PP/15 wt% hBN-20 wt% nHA hybrid exhibits a
higher tensile strength, but lower stiffness than the HAPEXTM composite. HAPEXTM can only be
used for non-loading maxillofacial bone-replacements, due to its stiffness being below the modulus
of load-bearing cortical bone of humans [52].
Table 2. Mechanical properties of PP/hBN and PP/hBN-nHA biocomposites.
Specimen

Elastic Modulus,

Tensile Stress,

Elongation at Break,

MPa

MPa

%

PP

1,414 ± 40

26.2 ± 0.5

>600

PP/5 wt% (2.2 vol%) hBN

1,536 ± 34

26.8 ± 0.3

>600

PP/10 wt% (4.5 vol%) hBN

1,615 ± 35

26.6 ± 0.4

>600

PP/15 wt% (7.0 vol%) hBN

1,666 ± 21

26.4 ± 0.3

300

PP/20 wt% (9.7 vol%) hBN

1,758 ± 33

26.5 ± 0.4

43.0 ± 6.3

PP/20 wt% (6.67 vol%) nHA

2,226 ± 33

30.9 ± 0.4

9.9 ± 0.6

PP/5 wt% hBN-20 wt% nHA

2,222 ± 68

27.0 ± 0.1

9.0 ± 2.0

PP/10 wt% hBN-20 wt% nHA

2,276 ± 42

28.6 ± 0.3

7.1 ± 0.6

PP/15 wt% hBN-20 wt% nHA

2,383 ± 18

26.9 ± 0.2

5.8 ± 0.3

HDPE/10 vol% mHA [44]

980 ± 20

17.3 ± 0.3

>200

HDPE/20 vol% mHA [44]

1,600 ± 20

17.8 ± 0.1

34.0 ± 9.5

HDPE/30 vol% mHA [44]

2,730 ± 10

19.5 ± 0.2

6.4 ± 0.5

HDPE/40 vol% mHA [44]

4,290 ± 17

20.7 ± 1.6

2.6 ± 0.4

Cortical bone [48]

700030,000

----------
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Figure 5. Elastic modulus vs. hBN content for PP/hBN and PP/hBN-nHA composites
showing the stiffening effect of hBN.
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Table 2 reveals that the elastic modulus of the composites increases slowly by adding hBN fillers.
In other words, there exists no abrupt increase in the modulus of PP composites due to hBN
additions, i.e., no mechanical percolation. Mechanical percolation is found in the composites
reinforced with fillers of very large aspect ratios, such as carbon nanotubes [53,54]. In that case, the
mechanical percolation model [55,56] can be used to describe a sudden increase in the elastic or
shear modulus of the composites reinforced with CNTs of very large aspect ratios. From Figure 1, the
aspect ratio (width/thickness) of hBN is estimated to be ~20. Thus, hBN with a low aspect ratio
cannot link with itself to form a percolative network in the PP matrix by increasing the filler content
up to a critical value. Figure 3b clearly shows the absence of a percolative network in the composite
with high hBN content, i.e., 15 wt%.
3.2. Cell Culture and Growth
Figure 6a,b shows respective SEM images of the PP/5% hBN and PP/10% hBN composites after
seeding with osteoblastic cells for four days. Apparently, the number of adhered cells on these
samples increases with increasing hBN content. Similarly, hybrid composites also provide effective
sites and support for the attachment of osteoblastic cells (Figure 7a,b). From these micrographs, the
cells spread flatly on the surfaces of composite specimens. Osteoblasts anchor firmly on the sample
surfaces via long filopodia. For the PP/15%hBN-20%nHA hybrid composite, cells are densely
packed and piled up on each other, such that the entire composite surface is nearly covered with
osteoblasts after seeding for four days (Figure 7b).

(a)
Figure 6. Cont.
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(b)
Figure 6. SEM images of (a) PP/5% hBN and (b) PP/10% hBN composites cultured
with osteoblasts for four days showing spreading of bone cells on the composite surfaces.

(a)
Figure 7. Cont.
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(b)
Figure 7. SEM micrographs of (a) PP/5% hBN-20% nHA and (b) PP/15%
hBN-20%nHA hybrid composites after seeding with osteoblasts for four days. Osteoblasts
almost cover entire surface of the specimens.
As was recognized, bone matrix is composed of nHA platelets and collagen fibers. Thus, synthetic
nHA mimics the nanostructure of the inorganic phase of bone tissue and can serve as an
effective seeding site for the osteoblasts. Nanohydroxyapatite with large surface areas facilitates
material-bone cell interactions via protein absorption [24]. Upon adhesion to a substrate, the cell
probes its environment and moves using nanometer-scale processes, such as filopodia. These
interactive events lead to the formation of new bone cells. Webster et al. reported that synthetic nHA
is biocompatible and very effective for enhancing the attachment and growth of osteoblasts.
Moreover, ceramic materials, like alumina and titania, with grain sizes greater than 100 nm, have
long been appreciated for their biocompatibility [57]. BN ceramic material also exhibits good
biocompatibility [40], thereby promoting osteoblast adhesion.
Cell proliferation is an important health indicator for osteoblasts for ensuring the good
biocompatibility of medical implants. The in vitro biocompatibility of binary PP/hBN composites and
ternary PP/hBN-nHA hybrids was examined by the MTT assay. This assay is widely used to
determine the mitochondria activity of the cells. Cytotoxicity is expressed as the percentage of cell
viability by using the following relation:
Cell viability (%) = 100 [OD of sample cells/OD of control]

(1)

The cellular viability of composite specimens is shown in Figure 8. It can be seen that
cellular viability for the PP/hBN and PP/hBN-nHA composites increases with cell culture time from
four to seven days. These specimens show low viability values. From the literature, the MTT test
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tends to give lower cellular viability due to formazan crystals clumping together with BN
tubes
and
the
water-insoluble
nature
of
MTT-formazan
[37,39].
However,
(2-(4-iodopheneyl)-3-(4-nitophenyl)-5-(2,4-disulfophenyl)-2H-tetrazolium
monosodium
salt
(WST-1) assay can yield higher cellular viability because of the water-soluble nature of its formazan
product. It is likely that the interference of hBN with MTT-formazan also causes lower cellular
viability of the PP/hBN and PP/hBN-nHA composites (28%–30%). Finally, the PP/hBN-nHA hybrid
composite system exhibits a slightly higher proliferation rate than binary PP/hBN composites for all
testing time intervals. This derives from the synergistic effect of the individual components of hybrid
fillers. The results imply that all composite materials studied have no toxicity for the adhesion and
growth of osteoblastic cells. From the tensile, cell culture and proliferation tests, it can be concluded
that the PP/15%hBN-20% nHA hybrid has great potential for application in maxillofacial surgery.

Figure 8. Cell viability of osteoblasts grown on PP/20% nHA, PP/hBN and
PP/hBN-nHA composites after seeding for four and seven days. PP/15%hBN-20%nHA
hybrid exhibits the highest viability.
4. Conclusions
This article presented the design and testing of binary and hybrid composites for human bone
replacements. Binary PP/hBN and ternary PP/hBN-20%nHA composites were successfully prepared
by melt mixing and injection molding techniques. Hybrid nanocomposites inherited the property of
individual fillers by producing materials with better biocompatibility and mechanical properties. The
results showed that the elastic modulus of PP composites increases with increasing the hBN content.
Hybridization of hBN with nHA further enhances the elastic modulus of PP composites. The hBN
and/or nHA additions reduce tensile ductility of the PP biocomposites. Finally, cell cultivation and
MTT assay results revealed that the osteoblasts can attach and proliferate on binary PP/BN and
ternary PP/BN-20%nHA composites.
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Gelatin Tight-Coated Poly(lactide-co-glycolide) Scaffold
Incorporating rhBMP-2 for Bone Tissue Engineering
Juan Wang, Dongsong Li, Tianyi Li, Jianxun Ding, Jianguo Liu, Baosheng Li and Xuesi Chen
Abstract: Surface coating is the simplest surface modification. However, bioactive molecules
can not spread well on the commonly used polylactone-type skeletons; thus, the surface coatings
of biomolecules are typically unstable due to the weak interaction between the polymer and the
bioactive molecules. In this study, a special type of poly(lactide-co-glycolide) (PLGA)-based
scaffold with a loosened skeleton was fabricated by phase separation, which allowed gelatin
molecules to more readily diffuse throughout the structure. In this application, gelatin modified both
the internal substrate and external surface. After cross-linking with glutaraldehyde, the surface layer
gelatin was tightly bound to the diffused gelatin, thereby preventing the surface layer gelatin coating
from falling off within 14 days. After gelatin modification, PLGA scaffold demonstrated enhanced
hydrophilicity and improved mechanical properties (i.e., increased compression strength and elastic
modulus) in dry and wet states. Furthermore, a sustained release profile of recombinant human bone
morphogenetic protein-2 (rhBMP-2) was achieved in the coated scaffold. The coated scaffold also
supported the in vitro attachment, proliferation, and osteogenesis of rabbit bone mesenchymal stem
cells (BMSCs), indicating the bioactivity of rhBMP-2. These results collectively demonstrate that the
cross-linked-gelatin-coated porous PLGA scaffold incorporating bioactive molecules is a promising
candidate for bone tissue regeneration.
Reprinted from Materials. Cite as: Wang, J.; Li, D.; Li, T.; Ding, J.; Liu, J.; Li, B.; Chen, X.
Gelatin Tight-Coated Poly(lactide-co-glycolide) Scaffold Incorporating rhBMP-2 for Bone Tissue
Engineering. Materials 2015, 8, 1009-1026.
1. Introduction
Clinical studies have shown that the adequate implantation of filling materials for treating
critical bone defects resulting from traumatic injuries or tumor resections can facilitate bone
regeneration [1]. Autografting is the current conventional treatment for bone defects. However, the
process involves a number of drawbacks, including an additional surgical harvesting procedure,
and the risk of infection or donor-site morbidity [2]. Allograft materials, such as demineralized
bone matrix, also present a risk of immunologic rejection or disease transmission. These factors
impede the wide application of the autografting process [3].
The biodegradable polymeric scaffolds for bone reconstruction have received significant
attention because of their ability to provide a spatially and temporally appropriate environment for
new bone tissue growth [4,5]. Polylactone-type biodegradable polymers, such as poly(L-lactide)
(PLA), polyglycolide (PGA), and their copolymer, poly(lactide-co-glycolide) (PLGA), are
the Food and Drug Administration (FDA)-approved matrices of scaffolds due to their low
immunogenicity, non-toxicity, and adjustable degradation rate [6]. However, these polymeric
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scaffolds impede cell attachment and penetration due to the lack of cell anchoring sites, and they
have poor hydrophilicity and low surface energy [7].
Many approaches have been developed to circumvent these drawbacks, including bulk
modification and surface modification [8,9]. Bulk modification introduces functional groups to the
polymer chain while it may also alter the mechanical and biodegradable properties of the material,
which may lead to the undesirable results [10,11]. Surface modification allows the binding of
functional groups or bioactive molecules, such as collagen, gelatin, RGD, and hydroxyapatite, onto
the surfaces of scaffolds. A few of more complicated surface modifications require chemical
reactions [12,13]. However, due to the lack of functional groups on the polymer backbone, it is
difficult to modify the surface properties by conventional chemical methods [13]. Surface coating
is a simple and general approach for surface modification. However, the bioactive molecules
typically do not spread well on polylactone-type skeletons. Additionally, the interactions between
the polymer backbone and the bioactive molecules are weak, which leads to an unstable surface
coating [11]. To increase the coating efficiency of a polymeric scaffold, a loose polymer backbone
structure can be designed, so that the bioactive molecules can easily diffuse across the skeleton and
simultaneously increase the adhesiveness for other bioactive molecules to prevent coating loss.
Dunn et al. [14] first introduced an in situ-formed implant based on phase separation triggered
by a solvent/non-solvent exchange, a process that has been applied to tissue engineering and drug
delivery for many years [15–17]. A water-insoluble biodegradable polymer is first dissolved in
an organic solvent that is miscible or partially miscible with water. Following immersion into an
aqueous medium, phase separation occurs as the solvent diffuses toward the surrounding aqueous
environment, while water penetrates into the organic phase. This process results in polymer
precipitation and the formation of implants with a loosened skeleton. For example, Ellis et al. [16]
produced PLGA flat sheet membranes with a finger-like structure using 1,4-dioxane and
1-methyl-2-pyrrolidinone (NMP) as solvents and water as the non-solvent. Porous structures are
expected to form in the high mutual affinity-NMP-water medium. Oh et al. [17] fabricated the
hydrophilic porous PLGA tubes using a modified immersion precipitation method and showed that
the tubes were highly effective for the permeation of bovine serum albumin (BSA).
In this study, an immersion separation method was used to design and fabricate a loosened
scaffold with skeletal structure and subsequently carried out the surface modifications by
immersing the scaffold in a gelatin solution. Gelatin is derived from high molecular weight
collagen by breaking the natural triple-helix structure of collagen into single-stranded molecules;
it has been used in many aspects of tissue engineering because of its biocompatibility and ease
of gelation [18]. Due to the loosened structure of the biopolymer skeleton, gelatin can easily spread
across and over the scaffold surface. After a simple cross-linking procedure, gelatin binds tightly
throughout the structure, thereby preventing the surface-coating gelatin from easily falling off.
Moreover, gelatin is also an ideal carrier for protein delivery [19,20]. In a previous study, the
unique release profile of recombinant human bone morphogenetic protein-2 (rhBMP-2) was
assessed in gelatin-coated 3D scaffolds, showing first a transient burst and then sustained release
profile [20]. Along similar lines, in this study, rhBMP-2 was incorporated by physically entrapment
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in a gelatin gel. This multifunctional scaffold composed of a PLGA skeleton, gelatin coating, and
rhBMP-2 was further evaluated for cell adhesion, proliferation, and differentiation properties.
2. Results and Discussion
2.1. Scaffold Characterizations
2.1.1. Microstructure Detections of 3D Porous Scaffolds
The biocompatibility with cells and tissues of a material surface is determined by the interaction
between the cells and the surface of material [10]. Due to their hydrophobicity, PLGA scaffolds are
not able to well support cell adhesion and growth. When coated with gelatin, the scaffolds gain the
hydrophilic property and cell-recognizable moiety [21–23]. However, the gelatin solution is not
able to infiltrate deeply enough into the macropores of the polymeric substrate to form a stable
composite; additionally, the gelatin layer on the exterior surface is unstable due to the insufficient
adhesion force between the gelatin and the polymer material [23].
In this study, as depicted in Figure 1, a PLGA-based scaffold with a loosened skeleton was
fabricated by phase separation triggered by a solvent/non-solvent exchange (Figure 1a1,b1). The
gelatin solution was able to easily penetrate into the loosened skeleton, and the surface gelatin
coating was stabilized due to the cross-linking bonds with the glutaraldehyde-modified gelatin
secured within the PLGA skeleton (Figure 1a2,b2). No functional group of PLGA was involved in the
surface modification. In contrast with the methods that use modifying groups in copolymerization,
this technique maintains the bulk properties of the materials. Furthermore, growth factors like
rhBMP-2 could be easily sealed in the scaffold for controlled release by immersing the PLGA
scaffold in gelatin solution supplemented with rhBMP-2 (Figure 1a3,b3).
Phase separation triggered by solvent/non-solvent exchange has previously been applied to
fabricate porous nerve guide conduits and bone graft substitutes [15–17,24–27]. The asymmetrical
porous structure is formed during the preparation of the biomaterials. Smaller pores are formed at
the solvent/non-solvent contact side, when the polymer precipitates due to a higher initial polymer
concentration as the non-solvent slowly diffused into the PLGA substrate. The larger pores are
formed from the precipitation of the polymer at a lower polymer concentration relative to the initial
contact side [17].
After soaking in gelatin and gelatin/rhBMP-2 solutions, the physicochemical properties of
the scaffolds were determined and are summarized in Table 1. The PLGA/Gel and
PLGA/Gel/rhBMP-2 scaffolds had gelatin contents of 13.8 ± 3.7 and 14.5 ± 4.1 wt%, respectively.
After coating PLGA scaffold with gelatin or gelatin/rhBMP-2, the porosity of scaffold slightly
decreased from 89.1% ± 8.3% to 74.7% ± 10.1% or 75.5% ± 7.9%, corresponding to a pore
diameter decrease from 243.6 ± 72.8 to 219.8 ± 97.5 or 214.4 ± 106.3 ȝm, respectively. These
results indicated that gelatin was successfully incorporated into the PLGA scaffold. More
importantly, after gelatin-coating, the PLGA skeleton still retained properties compatible with bone
regeneration, i.e., a porosity of 30%–90% and a pore size of 100–1000 ȝm, ranges that were
considered ideal for the growth of bone tissue inside an implant.
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(a3)

Immersing in

Immersing in

Gelatin Solution

Gelatin/rhBMP-2

(b1)

(b2)

Solution
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Figure 1. Schematic diagram of surface coating on PLGA scaffold (a1,b1), and the
PLGA scaffolds coated with gelatin (PLGA/Gel; a2,b2) and gelatin/rhBMP-2 mixture
(PLGA/Gel/rhBMP-2; a3,b3).
Table 1. Physical properties of scaffolds.
Scaffold

Gelatin Content (wt%)

Porosity (%)

Pore Diameter (ȝm)

PLGA

0

89.1 ± 8.3

243.6 ± 72.8

PLGA/Gel

13.8 ± 3.7

74.7 ± 10.1

219.8 ± 97.5

PLGA/Gel/rhBMP-2

14.5 ± 4.1

75.5 ± 7.9

214.4 ± 106.3

The microstructures of the three-dimensional (3D) porous PLGA, PLGA/Gel, and
PLGA/Gel/rhBMP-2 scaffolds fabricated via the phase separation/particulate leaching method were
observed by SEM and microscopy (Figure 2). The PLGA microstructure had well-interconnected
macropores (Figure 2a), which were ideally suited for cell infiltration. As shown in Figure 2b,c,
the skeleton had a honeycomb-like structure composed of microvoids with diameters of 2–4 ȝm,
and the PLGA surface contained microscale channels, to which the internal macropores and
microvoids in the skeleton were connected. The observed architecture was very favorable for the
movement of proteins. Oh et al. [17] demonstrated that macromolecules can easily flow into
the microvoids.
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Figure 2. SEM microimages of internal structures for (a–c) porous PLGA scaffold and
(d–f) PLGA scaffold with gelatin coating.
Surface modifications were carried out by submerging the PLGA scaffolds in 1% gelatin
solutions. Due to the hydrophobicity of the PLGA-based material, a negative pressure was applied
to facilitate the infiltration of gelatin solution into the scaffold. After cross-linking with
glutaraldehyde, the gelatin was coated on the surface and stored in the microvoids, as illustrated in
Figure 1a2,b2. Figure 2d shows the microstructure of the PLGA/Gel scaffold. The addition of gelatin
did not affect the interconnections between the macropores. This observation was consistent with
those of previous studies, wherein poly(İ-caprolactone) scaffolds still possessed satisfactory
interconnectivity after coating with a 5% gelatin solution [20]. The surface topography of the
gelatin-coated PLGA/Gel scaffold is shown in Figure 2e. A thin gelatin layer was tightly adhered
to the wall, and the channels almost disappeared. The PLGA substrate after gelatin modification
became more compacted (Figure 2f), indicating that the honeycomb-like structure in the substrate
was partially filled with gelatin.
To further confirm the gelatin distribution in the substrate, the frozen sections of the
PLGA, PLGA/FITC-Gel, and PLGA/FITC-Gel/rhBMP-2 scaffolds were observed under optical
and fluorescence microscope. The inner structures of the scaffolds are shown in Figure 3,
from which the gelatin coatings are clearly observed in both the PLGA/FITC-Gel and
PLGA/FITC-Gel/rhBMP-2 scaffolds, as indicated by white arrows in Figure 3b,c. As shown in
Figure 3e–f, the fluorescence images of the PLGA/FITC-Gel and PLGA/FITC-Gel/rhBMP-2
scaffolds showed that the gelatin surface and skeleton both emitted at high intensities, suggesting
that the FITC-gelatin had penetrated into the substrate. Due to the cross-linking of gelatin within the
substrate, the gelatin coating was firmly secured on the surface.
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(a)

(b)
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(d)

(e)

(f)

Figure 3. Fluorescence microscopic images of internal structures of porous PLGA
scaffold (a,d), and PLGA scaffolds with gelatin (b,e) and gelatin/rhBMP-2 coating (c,f).
Scale bar = 100 ȝm.
The stability of the gelatin coating was further evaluated by calculating the gelatin loss with
time. As shown in Figure 4a, gelatin was slowly released with a cumulative release of <20% within
two weeks, which was much lower than the reported cumulative loss of 30% for the gelatin-coated
traditional scaffolds [20]. The SEM microimages of the PLGA and PLGA/Gel scaffolds after
incubation for two weeks at 37 °C are shown in Figure 4b,c. The microstructure of the PLGA
scaffold did not change after the two-week incubation and exhibited many channels on the surface.
The gelatin layer in the PLGA/Gel scaffold remained tightly coated on the PLGA substrate, which
corresponded to the small amounts of gelatin loss. These results indicated that the gelatin coating
was stable on the surface of scaffold due to the loosened skeletal scaffold structure.
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Figure 4. Gelatin leaching kinetic of coated scaffold (a); SEM microimages of PLGA
scaffold (b); and PLGA scaffold with gelatin coating (c). Scale bar = 30 ȝm.
2.1.2. Mechanical Property Analyses
The porous scaffolds are designed to provide mechanical support until the regenerative tissue or
organ is structurally stabilized [28]. Therefore, the appropriate mechanical properties are crucial for
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such porous scaffolds. Ideally, the mechanical properties are similar to that of the supported tissue.
The scaffold should maintain its structural stability and integrity in an in vivo biomechanical
environment and provide appropriate micro-stress stimulations for the implanted cells [29].
However, the compression strength of a PLGA scaffold was found to be lower than that of a human
trabecular bone (i.e., 9.3 ± 4.5 MPa) [30]. A previous study demonstrated that the gelatin
entrapment in the scaffold improved the compressive strength of pure polymeric scaffolds [20].
Therefore, a higher compressive strength was expected after the gelatin modifications in our study.
As depicted in Figure 5, the compressive strengths and elastic moduli (Ec) of the scaffolds were
indeed increased. For dry samples, the compressive strength and Ec of the PLGA/Gel scaffold
reached 6.15 ± 0.91 and 9.78 ± 1.62 MPa, respectively, compared with those of 3.83 ± 0.77 and
6.47 ± 0.91 MPa for the PLGA scaffold (Figure 5a,b). The mechanical properties measured in the
dry state were different than those under physiological conditions, i.e., in tissue fluid at 37 °C,
because of the different media. As shown in Figure 5c,d, for wet-state samples, the compressive
strength and Ec of the PLGA/Gel scaffold were significantly greater than those of the PLGA
scaffold (p < 0.05 for both). Overall, the gelatin modifications improved the mechanical properties
of the PLGA scaffold for clinical use.

(a)

(b)

(c)

(d)

Figure 5. Compressive strength and Ec of PLGA and PLGA/Gel scaffolds under dry
(a,b) or wet states (c,d). The data were represented as mean ± standard deviation (SD;
n = 3; * p < 0.05).
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2.1.3. Hydrophilicity Assessments
To evaluate whether the hydrophilicity of the PLGA scaffold was improved by the addition of
gelatin, the water contact angles on the outer and inner surfaces were measured for the PLGA and
PLGA/Gel scaffolds (Figure 6). The water contact angle of the control PLGA scaffold outer
surface was significantly greater at (93.5 ± 5.7)° compared with that of the PLGA/Gel scaffold,
which decreased to (51.3 ± 3.2)° (p < 0.05). The contact angle of the inner surface of the
PLGA/Gel scaffold (i.e., (60.1 ± 4.2)°) was also significantly smaller than that of the PLGA
scaffold (p < 0.05). These observations were expected because gelatin is a more hydrophilic
molecule than PLGA; thus, the decreased outer surface contact angle indicated that the gelatin
molecule was successfully incorporated onto the surface of PLGA scaffold. The decreased inner
surface contact angle suggested that gelatin also diffused into the substrate microvoids.

(a)

(b)

Figure 6. Test methods (a) and results (a,b) of water contact angles on outer and inner
surfaces of PLGA and PLGA/Gel scaffolds. The data were represented as mean ±
standard deviation (SD; n = 3; * p < 0.05).
2.2. Release Kinetics of rhBMP-2
As shown in Figure 7, the in vitro cumulative release behaviors of rhBMP-2 from the
composites were characterized by the percentage release of rhBMP-2 as a function of time.
Without gelatin modification, i.e., PLGA/rhBMP-2, a high burst release was noted; more than 80%
of the loaded rhBMP-2 was released within the first 24 h. Gelatin has been extensively used in
protein delivery applications. As depicted in Figure 7, rhBMP-2 showed a sustained release
behavior in the PLGA/Gel/rhBMP-2 scaffold. In detail, the gelatin-coated scaffold loaded with
rhBMP-2 showed a slight initial burst release within 24 h, but it was followed by a slower release
over seven days.

Cumulative rhBMP-2 release (%)
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Figure 7. Release kinetics of rhBMP-2 from PLGA/rhBMP-2 and PLGA/Gel/rhBMP-2 scaffolds.
BMPs have been shown to induce bone formation by inducing chondroblastic and osteoblastic
differentiations of BMSCs [31]. BMP-2 has been shown to be the most effective agent, by which
to induce complete bone morphogenesis [29], and has been approved by FDA for clinical
applications [32]. It is evident that the efficacy of BMP-2 in bone tissue formation is dependent
on the administered dose and the delivery mode. The sustained release has been demonstrated
to be sufficient for inducing bone regeneration [33]. Yamamoto et al. [34] demonstrated that
BMP-2 showed a very serious initial burst release within 40 min of administration from
glutaraldehyde-cross-linked gelatin microspheres, followed by a sustained release. In our study, the
sustained release profile of the PLGA/Gel/rhBMP-2 scaffold was different, likely due to the PLGA
substrate exerting some influence on the release mechanism.
2.3. Cell Adhesion, Proliferation, and Differentiation in Scaffolds
The attachment efficiencies of BMSCs cultured on various scaffolds for 3, 6, and 12 h are
summarized in Figure 8a. After culture for 3 h, the cell attachment efficiencies on the PLGA/Gel
and PLGA/Gel/rhBMP-2 scaffolds reached more than 30%, which was significantly greater than
the percentage on the PLGA scaffold (i.e., 11.8%). When cultured for 6 h, the cell attachment
efficiencies on the PLGA/Gel and PLGA/Gel/rhBMP-2 scaffolds increased to approximately 80%,
greater than the 45.9% reported for the PLGA scaffold. It was believed that the modification of a
PLGA scaffold with gelatin increased direct cell-material binding by increasing the surface
hydrophilicity, thus, facilitating an increase in early cell adhesion. The BMSC proliferation was
quantitatively monitored using the MTT assay to measure the metabolic activity of the total
population of cells for one, three, and seven days. As shown in Figure 8b,c, each scaffold supported
the proliferation of BMSCs within seven days. The PLGA/Gel/rhBMP-2 scaffold exhibited the
highest cellular activity, whereas the PLGA scaffold showed the lowest at three and seven days,
suggesting that the gelatin and rhBMP-2 modifications promoted the cell attachment and
proliferation. It has been reported that the expression of integrin ȕ1, which is promoted by
rhBMP-2 [35], is required for cell spreading, adhesion, and proliferation [36,37].
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Figure 8. In vitro growth of BMSCs in scaffolds. Cell attachment efficiency on PLGA,
PLGA/Gel, and PLGA/Gel/rhBMP-2 scaffolds at 3 and 6 h (a); Cell proliferation
on PLGA, PLGA/Gel, and PLGA/Gel/rhBMP-2 on Day 1, 3, and 7 (b); and SEM
microimages of cell attachment on PLGA (c1), PLGA/Gel (c2), and PLGA/Gel/rhBMP-2
(c3) on Day 7 (c). The data were represented as mean ± standard deviation (SD; n = 3;
* p < 0.05).
The cell-biomaterial interactions have been demonstrated to exert a considerable influence on
the differentiation and function of BMSCs [38]. To investigate the osteogenic differentiation
of BMSCs on different scaffolds, alkaline phosphatase (ALP) activity and calcium deposition were
measured. ALP is a membrane enzyme commonly recognized as a marker of osteoblastic
differentiation. Figure 9a shows the ALP activities of the BMSCs cultured on the different
scaffolds after seven and 14 days. The significantly higher ALP activity was detected in cells
cultured on the PLGA/Gel/rhBMP-2 scaffold than those on the PLGA and PLGA/Gel scaffolds
(p < 0.05 for both). Calcium deposition was measured by alizarin red staining. As shown in
Figure 9b, the quantification of ARS indicated that the deposition of calcium minerals in the
PLGA/Gel/rhBMP-2 scaffold was significant higher than in the other scaffolds (p < 0.05).
Moreover, after culturing for 21 days, the deposition of calcium mineral in the PLGA/Gel scaffold
was greater than that in the PLGA scaffold (p < 0.05). These results demonstrated that the
PLGA/Gel/rhBMP-2 and PLGA/Gel scaffolds promoted the osteogenic differentiation of BMSCs.
The quantitative analyses of the expressions of the osteogenesis-related genes (i.e., collagen-I
(COL-I) and osteopontin (OPN)) were performed by quantitative reverse transcription-polymerase
chain reaction (qRT-PCR) (Figure 10), which supported the results observed from the calcium
deposition measurements. The expression levels of COL-I and OPN were higher in the
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that the bioactivity of rhBMP-2 was well retained during the surface-coating process, and the
sustained release of rhBMP-2 showed improved BMSC differentiation.
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Figure 9. ALP activities of BMSCs in PLGA, PLGA/Gel, and PLGA/Gel/rhBMP-2
scaffolds during 14-day in vitro culture (a); Calcium deposition after culturing in PLGA,
PLGA/Gel, and PLGA/Gel/rhBMP-2 scaffolds for 14 and 21 days (b). The data were
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Figure 10. Quantitative analyses of osteogenesis-related gene expressions (i.e., Col-I (a)
and OPN (b)). The data were represented as mean ± standard deviation (SD; n = 3;
* p < 0.05).
3. Experimental Section
3.1. PLGA Scaffold Fabrication
A PLGA scaffold was fabricated via combining phase separation and particulate leaching.
Two grams of PLGA (LA:GA = 50:50, 14,000 kDa, Jinan Daigang Biomaterial Co., Ltd., Jinan,
China) was added into 10.0 mL of NMP (Sigma-Aldrich Co., Shanghai, China). The mixture was
continuously stirred until the polymer was thoroughly dissolved. Next, the sieved sodium chloride
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particulates of 100–300 ȝm in diameter were added into the PLGA solution. The weight ratio of the
salt particulates to the polymer composites was 6:1. The mixture was cast in a homemade glass
cylinder with a removable bottom. To remove NMP and salt particulates, the bottom was removed,
and the mixture was immersed in distilled water for 5 days with the water exchanged every 6 h.
Subsequently, any water remaining in the scaffold was exchanged by ethanol. Finally, the PLGA
scaffold was obtained after 3 days of lyophilization.
3.2. PLGA/Gelatin (PLGA/Gel) and PLGA/Gel/rhBMP-2 Hybrid Scaffold Fabrication
First, 0.01 g/mL of gelatin solution was prepared by dissolving gelatin (Sigma-Aldrich Co.,
Shanghai, China) in distilled water at 37 °C. rhBMP-2 was supplemented to a final concentration
of 5.0 ȝg/mL. Subsequently, the PLGA scaffold was immersed in the gelatin solution or the
gelatin/rhBMP-2 solution at 37 °C under vacuum for 30 min before fumigation by glutaraldehyde
at 4 °C for 24 h to complete the cross-linking reaction. To clear any residual glutaraldehyde in the
scaffold, the hybrid composite was vacuum-drawn and washed with ethanol several times. Finally,
the PLGA/Gel and PLGA/Gel/rhBMP-2 scaffolds were lyophilized for 3 days and stored at 4 °C in
a desiccator until use.
3.3. Characterization of Scaffolds
The porosities of the scaffolds were determined using the ethanol replacement method [21].
The microstructures of the scaffolds were examined by scanning electron microscopy (SEM,
Philips XL30, Eindhoven, The Netherlands). The scaffolds were fractured after snap-freezing,
sputter-coated with gold, and observed at an accelerating voltage of 15 kV. To assess the gelatin
distributions in the scaffolds, gelatin labeled with fluorescein isothiocyanate (FITC, Aladdin
Reagent Co., Ltd., Shanghai, China) was used. The horizontal sections (100 ȝm thick) of the
scaffolds were observed under a fluorescence microscope (TE200-U, Nikon Instruments Inc.,
Tokyo, Japan). The gelatin contents in the scaffolds were determined based on the change in dry
weight of the scaffolds before and after modification. Cylindrical samples of 5 mm in diameter and
10 mm in height were chosen for mechanical strength tests using a universal testing machine
(Instron 1121, High Wycombe, UK). The compressive strengths were measured at a crosshead
speed of 2.0 mm/min. Three replicates were tested for each condition (n = 3).
The weight loss of the gelatin in the scaffolds was determined at 37 °C under agitation at 60 rpm
over a period of 2 weeks. At predetermined time intervals, the scaffolds were freeze-dried and
weighed. The percentage of gelatin loss was calculated as Gelatin loss = (W1 í W2)/(W1 í W0) ×
100%, wherein W0 is the dry weight of the original surface-coated scaffolds, W1 is the dry weight
of the modified scaffolds at baseline, and W2 is the dry weight of the surface-coated scaffolds at
time t. In addition, the scaffolds were examined by SEM after 2 weeks of incubation.
The PLGA and PLGA/Gel films were prepared for static air-water contact angle measurements
using the sessile drop method on a contact angle system (VCA 2000, AST, Bellerica, MA, USA).
A solution of 20% PLGA was poured in a glass plate and then immersed in double distilled water
(ddH2O) for 24 h. After exchanging NMP by water, the PLGA film was obtained. The PLGA/Gel

215
film was prepared by exposing PLGA film to a 1% gelatin solution for 24 h. Furthermore, the
PLGA/Gel film was sliced in the middle, and the hydrophilicities of the PLGA and PLGA/Gel
films (outer surface and inner surface) were detected after lyophilization.
3.4. In Vitro Release Study
The PLGA scaffold was immersed in 5.0 ȝg/mL rhBMP-2 solution to obtain PLGA/rhBMP-2.
The PLGA/Gel/rhBMP-2 and PLGA/rhBMP-2 scaffolds were used for the in vitro release study.
Each scaffold (5 × 5 × 5 mm3) incorporating rhBMP-2 was incubated in 5.0 mL of
phosphate-buffered saline (PBS) at 37 °C under stirring at 60 rpm. At specified time intervals,
0.2 mL of the supernatant was collected, and an equal volume of fresh PBS was added. The content
of rhBMP-2 was measured using an enzyme-linked immunosorbent assay (ELISA) kit (R&D System)
according to the manufacturer’s instruction. The release profiles were obtained by plotting the
percentage of cumulatively content of released rhBMP-2 against time. The experiments were
performed in triplicate.
3.5. Cell Adhesion, Proliferation, and Differentiation Assays
3.5.1. Bone Mesenchymal Stem Cell (BMSC) Isolation
Two-month-old New Zealand white rabbits were sacrificed for BMSC isolation. Bone marrow
aspirate (5.0 mL) were obtained from the rabbit tibias and subsequently cultured. Briefly, the
isolated cell pellets were resuspended in 5.0 mL of the complete Dulbecco’s Modified Eagle’s
Medium (DMEM; Gibco BRL, Grand Island, NJ, USA) supplemented with 10% (v/v) fetal calf
serum (FCS; Gibco BRL, Grand Island, NJ, USA) and 100 IU/mL penicillin-streptomycin (Sigma,
Shanghai, China). The cells were seeded in culture dishes (Corning Costar Co., Cambridge, MA,
USA) and cultured at 37 °C in an incubator with 5% carbon dioxide (CO2). Non-adherent cells
were discarded when the medium was changed after 24 h. Subsequently, the medium was replaced
every other day until the cells reached 80% conÀuence. Then, the cells were washed with PBS,
digested by 0.25% trypsin/ethylenediamine tetraacetic acid (trypsin/EDTA; Sigma, Shanghai, China),
and subcultured at a 1:3 dilution under the same condition until the third passage.
3.5.2. Cell Adhesion and Proliferation Assays
For the adhesion and proliferation studies, 1 × 105 BMSCs were seeded on the scaffolds
(5 × 5 × 3 mm3). The adhesion and proliferation of the cells for each sample were determined by a
standard 3-(4,5-dimethylthiazoyl-2-yl)-2,5-diphenyltetrazolium bromide (MTT) assay. At 6 and
12 h post-seeding, the culture medium was discarded, and the unattached cells were washed away
with PBS. The attached cells on the scaffolds were detached by trypsin/EDTA, and the number of
cells was carefully counted. Finally, the cell attachment efficiency was calculated according to
the following equation: Cell attachment efficiency = N1/N0, where N1 and N0 were the numbers of
attached and seeded cells, respectively.

216
Cell proliferation was determined on Day 1, 3, and 7. The scaffolds were incubated in an MTT
solution (5.0 mg/mL in PBS) for 4 h. After the removal of the MTT solution, the acidified
isopropanol (0.2 mL of 0.04 M HCl in 10 mL of isopropanol) was added to solubilize the resultant
formazan product. The absorbance of the extractant at 492 nm was recorded on a Thermo Electron
MK3 spectrophotometer (Thermo Scientific, Hudson, NH, USA). The relative cell number (%) was
determined by comparing the absorbance to that for PLGA on Day 1. The mean value of nine
readings for each sample was used as the final result. The cell proliferation on Day 7 was also
observed by SEM.
3.5.3. Cell Differentiation Assays
Alkaline phosphatase (ALP) activity was determined after culturing the cells in DMEM/F12,
FBS (10%, V/V) for 7 and 14 days. Briefly, the medium of each well was carefully removed. Then,
the cells were washed three times with PBS, lysed in radioimmunoprecipitation assay (RIPA)
buffer, frozen at í80 °C for 30 min, and thawed at 37 °C. Then, p-nitrophenol phosphate substrate
(pNPP) solution was added, and the samples were incubated in the dark for 30 min at 37 °C. The
reaction was terminated with 3.0 M NaOH, and the ALP activity was read on a multifunction
microplate scanner (Tecan Infinite M200) at 405 nm. Measurements were compared with
p-nitrophenol standards and normalized by the total protein content, which was determined with a
bicinchoninic acid (BCA) kit (Pierce Biotechnologies, Rockford, IL, USA).
Calcium deposition was determined by alizarin red S (ARS) staining of the BMSCs after culture
in DMEM/F12, FBS (10%) for 14 and 21 days. After three 5 min rinses in water, the scaffolds
were incubated in ARS stain solution (0.1% ARS in Tris-HCl buffer, pH 8.0, Sigma, Shanghai,
China) for 30 min at 37 °C. The scaffolds were then washed in distilled water three times for 5 min
each. The stained samples were treated with 10% (w/v) cetylpyridinium chloride in 10.0 mM
sodium phosphate for 15 min at room temperature. The absorbance of ARS at 540 nm was
recorded on a Thermo Electron MK3 spectrophotometer.
The osteogenesis-related gene expression levels were quantitatively assessed using RT-qPCR
for BMSCs cultured on various scaffolds incubated for 14 days. Total RNA was extracted using
TRIzol Reagent (Invitrogen) according to the manufacturer’s protocol. The total RNA concentration
and purity were estimated using Nanodrop Plates (Tecan Infinite M200, Tecan Group Ltd.,
Maennedorf, Switzerland), and the RNA was reverse transcribed as described in the M-MLV
manual (Promega). RNA was added to a 20.0 ȝL reverse transcription reaction mixture containing
5 × M-MLV buffer, dNTP mixture, RNase inhibitor, RTase M-MLV, RNase free dH2O, and oligo
(dT) primer. The expression levels of osteogenic markers were quantified using a qPCR SYBR
Green Mix Kit (Stratagene). The primer sequences specific for the target gene and the internal
control gene (glyceraldehyde-3-phosphate dehydro-genase (GAPDH)) used for qRT-PCR are listed
in Table 2. The specificities of the listed oligonucleotides were checked by Basic Local Alignment
Search Tool (BLAST) against the rabbit RefSeq RNA database at NCBI. The qPCR amplification
was performed as follows: initial heating at 95 °C for 10 min, followed by 40 cycles at 95 °C for
30 s, 58 °C for 60 s, and 72 °C for 60 s. The expression levels were determined using threshold
cycles (Ct) that were determined by the iCycler iQ Detection System software. The relative
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transcript quantities were calculated using the ǻǻCt method. The GAPDH gene was used as a
reference gene and was amplified along with the target genes from the same cDNA samples. The
difference in the Ct of the sample mRNA relative to the GAPDH mRNA was defined as the ǻCt.
The difference between the ǻCt of the control cells and the ǻCt of the cells grown on the substrates
was defined as the ǻǻCt. The fold change in mRNA expression was expressed as 2 íǻǻCt.
Table 2. Sequences of primers for quantitative reverse transcription-polymerase chain
reaction (qRT-PCR).
Gene

Forward Primer Sequence

Reverse Primer Sequence

COL-I

5ƍ-CTCGCTCACCACCTTCTC-3ƍ

5ƍ-TAACCACTGCTCCACTCTG-3ƍ

OPN

5ƍ-CGTGGATGATATTGATGAGGATG-3ƍ

5ƍ-TCGTCGGAGTGGTGAGAG-3ƍ

GAPDH

5ƍ-GATGGTGAAGGTCGGAGTG-3ƍ

5ƍ-TGTAGTGGAGGTCAATGAATGG-3ƍ

3.6. Statistical Analysis
The data were presented as mean ± standard deviation (SD). The independent and replicated
experiments were used to analyze the statistical variability of the data analyzed using Student’s
t-test, and p < 0.05 was considered to be significant.
4. Conclusions
In this study, a gelatin tight-coated rhBMP-2-incorporated PLGA-based scaffold with a loosened
skeleton was fabricated. Because of the special structure, the gelatin molecule easily diffused
throughout the scaffold. By cross-linking with glutaraldehyde, the gelatin coating was tightly bound
with both the internal and external surfaces of microscale channel. The modification with gelatin
also significantly improved the mechanical strength and hydrophilicity of these surfaces. For
gelatin-coated scaffolds with rhBMP-2, a sustained release behavior was observed in vitro, which
enhanced the attachment, proliferation, and differentiation of BMSCs. The obtained data collectively
demonstrate that the gelatin-coated PLGA scaffolds can effectively deliver bioactive factors and
hold great promise for bone tissue engineering.
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Alginate-Collagen Fibril Composite Hydrogel
Mahmoud Baniasadi and Majid Minary-Jolandan
Abstract: We report on the synthesis and the mechanical characterization of an alginate-collagen
fibril composite hydrogel. Native type I collagen fibrils were used to synthesize the fibrous
composite hydrogel. We characterized the mechanical properties of the fabricated fibrous hydrogel
using tensile testing; rheometry and atomic force microscope (AFM)-based nanoindentation
experiments. The results show that addition of type I collagen fibrils improves the rheological and
indentation properties of the hydrogel.
Reprinted from Materials. Cite as: Baniasadi, M.; Minary-Jolandan, M. Alginate-Collagen Fibril
Composite Hydrogel. Materials 2015, 8, 799-814.
1. Introduction
Hydrogels are being extensively used for tissue engineering applications. There has
been a remarkable effort in producing properties of hydrogels as close to the native tissue
microenvironment as possible [1,2]. The properties of interest include physical properties,
biochemical properties, and biological properties. For example, most tissues in the human body are
hierarchically structured, involving length-scales from nanoscale to macroscale [3,4]. Accordingly,
one of the major routes in making more biomimetic hydrogels involves adding micro/nanostructures
to the host hydrogel polymer [5]. These nanostructures include polymeric, inorganic/ceramic and
metallic nanoparticles, nanotubes, nanowires, graphene, nanodiamonds, etc. [6–17]. The components
often add extra functionalities to the based hydrogel polymer, such as electrical, physical, chemical,
and biological functionalities. It is desirable for the added components to impart these functionalities
with minimal or no compromise to the other original properties of the host hydrogel. The obtained
hydrogel is often termed a nanocomposite or hybrid hydrogel [15,18–23]. A recent review
summarized the latest progress in nanocomposite hydrogels [24].
Nanofiber-reinforced hydrogels are a class of nanocomposite hydrogels, in which often
electrospun polymeric nanofibers are added to the hydrogel matrix [25–33]. Recent work reported on
transparent electrospun gelatin nanofibers infiltrated with alginate hydrogel for cornea tissue
engineering [25]. Addition of nanofibers enhanced the elastic modulus of the hydrogel by several
folds. In another study, 3D rapid prototyping technique was used to form a crossed log-pile of elastic
fibers that were subsequently impregnated with an epoxy-based hydrogel [32].
In this article, we report on the synthesis and characterization of a composite fibrous hydrogel by
incorporation of native type I collagen fibrils into the alginate hydrogel. The process for the synthesis
of the collagen-alginate composite hydrogel is schematically shown in Figure 1. Briefly, alginate
was added to solutions of collagen fibrils of various concentrations. The resulting mixture was
subsequently cross-linked by calcium ions using calcium carbonate (CaCO3).
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Figure 1. Schematic of the step-by-step preparation process of hybrid fibrous composite
hydrogel with incorporation of native type I collagen fibrils. LF 10/60FT is a sodium
alginate from FMC Biopolymer (Philadelphia, PA, USA), GDL is D-(+)-Gloconic acid
į-lactone. See Experimental Section.
Alginate hydrogel is being widely used for cell encapsulation, cell transplantation, drug delivery,
and tissue engineering applications [34–36]. Although alginate possesses many favorable properties
for tissue engineering applications, it lacks specific interaction with mammalian cells. Therefore, it is
often functionalized with RGD-containing cell adhesion ligands [35]. Tripeptide Arg-Gly-Asp
(RGD) is a common cell-recognition ligand in extra cellular matrix that binds integrins to the
membrane proteins of different cell types. This cell adhesion ligand is present in collagen fibrils in
tissues. Accordingly, composite hydrogel of alginate-collagen may provide the adhesion sites for cell
adhesion. In addition, alginate hydrogel lacks the hierarchical fibrous structure of native tissues.
Nanofibers such as electrospun nanofibers can be added to alginate hydrogel to provide the
hierarchical structure of the native tissues. Native collagen has several advantages in this regard.
It adds fibrous structure to the alginate hydrogel. In addition, it provides the RGD-binding sites for
the cell adhesion. Finally, collagen possesses the characteristic nano-topography feature, in contrast to
the smooth surface of synthetic nanofibers.
Collagen fibrils are major components of extracellular matrix (ECM) and connectives tissues
such as bone and tendon, as well as in tissues such as cornea. Similar to alginate, collagen hydrogels
have been used for various applications including investigation of adherence of bone marrow stromal
cells, as scaffold for cartilage tissue engineering, in vascular grants, and for applications in wound
healing and as a pro-angiogenic site for islet transplantation [37–41]. Native type I collagen fibrils
have characteristic periodic patterns of 60–70 nm [42] (See Figure 2). In addition to the RGD binding
sites, these highly periodic nano-topographical features are believed to be important for cell adhesion
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and growth [39,43–47]. The majority of synthetic nanofibers including electrospun nanofibers that
are being used in scaffold for tissue engineering lack this important nano-topographical feature.
Figure 2 shows scanning electron microscope (SEM) and atomic force microscope (AFM) images
of the native collagen fibrils. In both images the characteristic periodic banding of collagen is
apparent. The subset in Figure 2D shows a line-profile taken along the dashed line that more clearly
shows this periodic banding pattern with a periodicity of 60–70 nm. This periodic pattern arises
from the special microstructural arrangement of collagen molecules in a “quarter stagger”
arrangement [42,48]. The periodicity is 60–70 nm, which results in the so-called “gap” and “overlap”
regions. The diameter of the individual collagen fibrils varies from 50 to 200 nm based on our
previous study [42].
Collagen hydrogels are often prepared from collagen molecules (or triple helix structure).
However, type I collagen in native tissue is fibrillar with a characteristic periodic pattern. The in vitro
fibrillogenesis of collagen triple helix to fibril is performed by adjusting the pH from the original
acidic solution to pH ~7.4, a process that is still not fully understood. Although collagen in this
neutralization process self-assembles to a filamentous structure, however, the in vitro assembled
collagen fibril may lack the characteristic banding pattern (~67 nm) of native collagen [49]. It has
been shown than some of the assembled collagen in the fibrillogenesis process includes both fibrils
that display a periodic banding pattern and filamentous structures that do not have this characteristic
collagen striation [49].
The elastic moduli of alginate hydrogels vary considerably depending on gelling conditions and
cross-linking [36]. The most common cross-linking is ionic cross-linking by Ca2+ ions [50], although
photocross-linked alginate hydrogels have been also reported [51]. Elastic moduli of ionically
cross-linked (CaCO3) alginate hydrogels measured using compression experiments were reported to
be from 5 to 120 kPa, depending on the concentration of the Ca2+ ions, which was varied from 0.5%
to 5% [50]. The compression modulus of photocross-linked hydrogel was reported to be ~170 kPa [51].
Mechanical properties of collagen hydrogel covalently functionalized with three different
monomers, i.e., 4-vinylbenzyl chloride, glycidyl methacrylate and methacrylic anhydride
were characterized using atomic force microscope (AFM) [52]. By adjusting the degree of
functionalization, an elastic modulus in the range of 16–387 kPa was obtained. Similar to other
reports, no collagen fibril formation was observed in these specimens [52]. A biomimetic fibrillar
collagen scaffold was recently introduced. By altering the freeze drying conditions through
introduction of multiple temperature gradients, collagen scaffolds with complex pore orientations,
and anisotropy in pore size and alignment were produced. However, no mechanical properties were
reported [53]. The mechanical properties of collagen-chitosan hydrogel were characterized using
compression experiment [41]. For this hydrogel, soluble collagen molecules were used after pH
adjustment, which resulted in fibril formation. The elastic modulus of the pure collagen hydrogel was
measured to be 0.4 kPa as compared to 0.7 kPa for collagen-chitosan hydrogel [41].
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Figure 2. (A,B) Scanning electron microscope (SEM) morphology and (C,D) atomic
force microscope (AFM) topography images of the native type I collagen fibrils used for
synthesis of the composite hydrogel. The characteristic periodic pattern of 60–70 nm is
apparent in images; (E) Shows a line-profile taken along the dashed line in (D) and
shows this periodic pattern.
Although mechanical properties of alginate hydrogel and collagen hydrogel have been reported in
the literature, the properties of the composite hydrogel are not available. In addition, for composite
hydrogel of this type, mechanical properties depend on the type of loading and deformation, given
their fibrous and heterogeneous microstructure. Therefore, the behavior of the composite hydrogel in
shear, tension, and indentation could be different. We used rheometry (shear deformation), tensile
test and atomic force microscopy (AFM)-based nanoindentation to characterize the mechanical
properties of the fabricated hydrogel samples.
2. Results and Discussion
Figure 3 shows representative SEM images of the surface of the hydrogel samples. The samples
were freeze-dried for observation in SEM. Figure 3A is the hydrogel sample without collagen fibrils.
Figure 3B–D are SEM images of samples with collagen fibrils. Collagen fibrils are apparent on the
surface of the specimens, pointed to by arrows. Collagen fibrils are several microns long and several
hundred in diameter, similar to the isolated collagen fibrils shown in Figure 2. Several additional
SEM images of the hydrogels are presented in Figure S1.
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Figure 3. SEM and AFM images of the surface of the hydrogel samples. (A) A hydrogel
sample with no collagen fibrils; (B–D) Composite hydrogel samples with collagen
fibrils, (B) 1X, (C,D) 2X; (E,F) AFM topography images of collagen-alginate hydrogel
samples. Arrows point to collagen fibrils.
Typical experimental results for rheological properties of the hydrogel samples with different
concentration of collagen fibrils are shown in Figure 4. These display typical behavior for the five
samples tested for each concentration. Overall, the behavior was consistent with less than 9% error
between different samples. Rheometery measures mechanical properties of the samples in terms of
storage (E') and loss moduli (E'') under combined compressive and shear deformations. Storage
modulus represents the elastic energy, while the loss modulus measures the dissipative energy.
The storage modulus of hydrogel with no collagen fibril (alginate hydrogel) content increases by
increasing the frequency (deformation rate), as shown in Figure 4B. Addition of collagen preserves
this trend. The loss modulus of hydrogel with no collagen content is initially constant and then
decreases by increasing the frequency. This means that energy dissipation, which is related to the
toughness of the material decreases with frequency. However, addition of collagen appears to reverse
this trend. Data in Figure 4C suggest that this increase in loss modulus is more apparent for higher
frequencies. In Figure 4B, the data for 0X and 1X specimens show overlap for low frequency up to
1 Hz. From 1 to 10 Hz, the 1X specimen shows larger storage modulus. The loss modulus, however,
shows larger values for 1X in all frequencies. There could be a possible explanations for overlap
between 0X and 1X in Figure 4B as follows: It seems that contribution of collagen to the storage
modulus starts at high frequencies >1 Hz, while for 0.01 Hz to ~1 HZ, the contribution of collagen to
the storage modulus is negligible. However, the contribution of collagen to the loss modulus occurs
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for all frequencies from 0.01 to 10 Hz. It is possible that for low concentration of 1X and in small
frequencies, collagen fibrils slide within the alginate matrix. As such they will not contribute to the
elastic properties; however, the sliding deformation will cause energy dissipation appearing in the
loss modulus. As the frequency increases, the sliding of collagen samples may reduce, which results
in enhancement of the storage modulus and decrease in the loss modulus, as shown in Figure 4C.
In addition, the data for 2X and 3X concentrations appear to overlap for all frequencies. Collagen
fibrils in our study have a very low concentration. Based on SEM images shown in Figures 2 and S1,
the distribution of collagen in samples is not fully homogenous at different points of the sample.
We believe that the overlaps in data could be an error introduced by random orientation and
dispersion of collagen fibrils in the specimens. Statistical analysis (Two way ANOVA, p <0.05)
followed with a Tukey test clearly confirmed significant changes in storage and loss moduli—and as a
result, complex modulus increased. Overall, addition of small quantities of collagen fibrils results in
a several times increase in elastic and loss moduli of the hydrogel samples, which is apparent in the
results of the complex modulus (E' + iE'') in Figure 4D.

Figure 4. Characterization of the rheological properties of the hydrogel samples.
(A) Schematic shows the disk-shaped hydrogel sample between the two circular disks of the
rheometer; (B–D) Typical plots of the storage, loss, and complex moduli, respectively,
extracted from the rheological measurements. Five samples for each concentration
were tested.
Figure 5A shows a schematic of the tensile specimens in a costume-designed gripper adapter.
A typical stress-strain response of the hydrogel samples is shown in Figure 5B. The response is
presented in terms of engineering stress vs. engineering strain. Stress was obtained by dividing the
force by the initial cross-sectional area of the sample. The cross-section was measured using a caliper
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at three different points in the gauge length of the sample and the average value was used. Strain was
calculated by dividing the cross-head displacement by the original length of the sample. Stress–strain
response of the samples shows a typical J-response (nonlinear) initially followed by a linear
response. We used the slope of the linear section for each of the samples to obtain the elastic
(Young’s) modulus [34,54]. In addition, for each experiment we obtained the failure strain, the
failure stress (strength), and the toughness. The toughness was calculated from the area under the
stress–strain response, as shown with the shaded area in Figure 5B. From statistical analysis
(Two way ANOVA, p < 0.05) followed with a Tukey test of tensile results, it can be concluded that,
in contrast to rheological properties, addition of collagen fibril has minimal effect on the tensile
properties of the composite hydrogel. There is a minimal increasing trend for elastic modulus, failure
stress, and toughness. However, the failure strain does not change by addition of collagen fibrils.
Table S1 gives detailed tensile properties of the tested samples. It should be noted that collagen
fibrils are randomly distributed in the hydrogel samples, and are not necessarily aligned with the
tension direction. With future improvement for aligning the fibrils, the tensile properties may show
larger improvement.

Figure 5. Tensile properties of hydrogel samples. (A) Schematic shows the dog-bone
shaped hydrogel sample gripped using costume-designed gripper adaptor; (B) A typical
stress-strain response from a hydrogel sample. The slope of the linear section of the
response was used to extract the elastic (Young’s) modulus of the hydrogel specimen;
(C) The Young’s modulus; (D) failure strain; (E) failure stress; and (F) toughness of
hydrogel vs. collagen concentration. Error bars represent standard deviation (SD) for
five samples for each concentration.
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Figure 6 shows the results of the nanoindentation experiment. Hydrogel samples were indented
using an AFM probe with a spherical tip inside a liquid medium as schematically shown in Figure 6A.
Figure 6B is a typical extension-retraction response from an indentation experiment. For each
sample, a map of 100 indentation points was obtained. A typical map is shown in Figure 6C. Several
additional indentation maps are given in Figure S2. The color code represents the indentation
modulus with the bright colors showing larger indentation modulus values.

Figure 6. AFM nanoindentation experiments on hydrogel specimens. (A) Schematic shows
the setup for indentation of hydrogel samples in a liquid media using a spherical probe;
(B) A typical force-displacement (indentation depth) response from hydrogel;
(C) Indentation map on a 20 m × 20 m area for a total of 100 points of a sample with
4X collagen concentration. The color bar represents the indentation modulus;
(D) Schematic of the Hertzian contact mechanics model for spherical indentation into the
hydrogel surface; (E) Comparison of the force-indentation data from an experiment
modeled with Hertzian contact mechanics; (F) Indentation moduli extracted from
nanoindentation experiments for hydrogel samples with different concentrations of
collagen fibrils. Error bars in (F) are SD for five measurements at each concentration.
We modeled the nanoindentation of the spherical tip into the hydrogel using the Hertzian contact
mechanics model to derive the indentation modulus of the sample, Figure 6D [55]. Based on the

229
Hertzian model, for indentation of an elastic half-space using a spherical indenter, the indentation
load-displacement relation is given as [56]:
4
F
Er R1/2G3/2
(1)
3
In this equation, į is the deformation of the samples in contact, shown in Figure 6D. F is the
indentation force, Er is the reduced elastic modulus of the tip and the sample, and R is the tip
radius [57,58]. The reduced elastic modulus is given as:

1
Er

(1  Xt2 ) (1  X2s )

Et
Es

(2)

where “t” and “s” represent tip and sample, respectively. We note that since the hydrogel is much
softer than the SiO2 (silicone dioxide) spherical probe, the deformation of the probe tip is negligible.
In this case, the reduced elastic modulus can be replaced with the elastic modulus of the hydrogel.
This model was introduced into a MATLAB code. Each force-indentation depth curve was modeled
using this model. A typical fitted model is shown in Figure 6E. The Poisson’s ratio of the sample
was assumed to be ~0.49, which is a common assumption for hydrated materials, given the
incompressible nature of water. Hence, the indentation modulus was the only fitting parameter. We
conducted indentation experiments with displacement rates of 0.5–3 m/s to ensure that the
indentation rate does not have any effect on the results in this displacement range. The results for
different rates in this range showed similar behavior (Figure S3). Indentation modulus vs. fibril
concentration is shown in Figure 6F. These data are the average of different indentation rates. As
observed from statistical analysis (Two way ANOVA, p < 0.05) followed with a Scheffe test, the
addition of collagen results in a significant increase of the indentation modulus of the hydrogel
samples. Data for various collagen concentrations do not show significant variations. This may be
explained by considering the random orientation and dispersion of collagen fibrils in the samples.
Rheometry and tensile experiments characterize the bulk properties of the hydrogel specimens,
in shear and tension, respectively. Nanoindentation measures the local properties of the samples
under local compressive indentation. The nanoindentation footprint in our experiment is on the order
of 2 m. This is in the range of the size of individual cells. Therefore, these local properties could be
relevant to the microenvironment of cells, when they are cultured in this composite hydrogel.
It is widely accepted that the nanofibrous structure of collagen and its nano-topographic periodic
pattern is important for cell attachment and growth [43,59,60]. As such, collagen has been used in
tissue engineering applications [39,44,45,61,62]. However, fibrillar collagen in this form had not
been previously reported for composite hydrogels. Collagen fibrils extracted from animal tissues are
still fairly expensive. The high cost and concerns with immunogenicity associated with collagen
need to be overcome before they are widely used for tissue engineering applications. Recent
developments on Ovine collagen may resolve both issues, but this remains to be seen. Electrospun
collagen nanofibers have been shown to be denatured collagen or simply gelatin. In general,
the majority of electrospun nanofibers have a smooth topography and lack the characteristic
nano-topography on the surface of the native collagen fibrils.
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Although rheometry, tensile test [34], and AFM-nanoindentation [63,64] have been used for
characterization of hydrogels, they are often used as a single tool for characterization. However,
behavior of hydrogels in shear, tension and indentation could be different, as shown in our
experimental data. Therefore, we have used all of these three techniques for characterization of the
fabricated composite hydrogels. Native collagen fibrils have an elastic modulus on the order of
several hundreds of kP to several GPa depending on their hydrated state [42]. Our results show that
addition of an even small percentage of collagen to alginate hydrogel can result in improvement of
the rheological and indentation properties of the hydrogel. Further effort is required to investigate the
effect of adding higher concentration of collagen fibrils as well as to attempt to align the collagen
fibrils in the hydrogel matrix to produce even stronger mechanical properties.
3. Experimental Section
Protonal® LF10/60FT, Pharm-grade sodium alginate powder from FMC BioPolymer
(Philadelphia, PA, USA) was used for preparation of the alginate hydrogel. Calcium Carbonate
(CaCO3) was purchased from RICCA Chemical Co (Arlington, TX, USA). Calcium Sulfate
Dihydrate (CaSO4·2H2O), Collagen from bovine Achilles tendon and GDL (D-(+)-Gloconic acid
į-lactone) were purchased from Sigma-Aldrich (St. Louis, MO, USA). Calcium Chloride Dihydrate
(CaCl2·2H2O) was purchased from Fisher Scientific (Fair Lawn, NJ, USA). Sulfuric acid (H2SO4) was
purchased from VWR (Radnor, PA, USA). Polydimethylsiloxane (PDMS) was purchased from Dow
Corning Co. (Midland, MI, USA).
Preparation of casting molds: Molds with different geometries were designed to prepare samples
for the tensile test, AFM nanoindentation, and rheometry experiments. For the tensile test, according
to ASTM standard F2900-11 [65], dumbbell shaped geometry was used (Figure S4). For AFM
nanoindentation and rheometry, disk shape mold was used (Figure S5). Several master molds with
identical dimensions were machined from an Acrylic sheet. PDMS mix including the base materials
and curing agent was poured into master molds with negative profile and allowed to cure in an oven
below 80 °C for 2 h. After curing, the PDMS was peeled off the master mold. These PDMS molds
were used as molds for casting hydrogel specimens for mechanical characterization (Figure S4B).
Preparation of native collagen fibrils: A stock solution of collagen fibrils was prepared by
soaking ~500 mg collagen flakes in ~200 mL of 0.01 M sulfuric acid overnight. Subsequently, the
solution was mixed using a blender for one hour to break down the collagen flakes to individual
fibrils. The pH of the solution was adjusted to 6.5 by substituting the original solvent with DI water.
The prepared collagen solution was left in the fridge so that the larger collagen bundles from the
mixing process settled down. The supernatant solution, that contained mostly individual collagen
fibrils, was separated and used for the preparation of the hydrogel samples. This was confirmed by
placing several droplets of the solution on a glass slide and observing under an optical microscope.
Collagen concentration in the final stock solution was measured to be ~1 mg/mL, which was
considered as 4X and represents the maximum concentration. To measure the collagen concentration
in the final solution, four batches of 5 mL from final solution were air dried and the dried films were
weighed. The average of these measurements is reported as collagen concentration of 4X stock
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solution. Lower collagen concentration solutions 3X, 2X and 1X (1X ؆ 0.25 mg/mL) were prepared
by diluting the 4X solution with the proper amount of DI water.
Preparation of alginate hydrogel: Alginate solution was prepared by dissolving 2% w/v of
LF 10/60FT in DI water. Then 3 mg/mL (30 mM) calcium carbonate (CaCO 3) powder was added to
the solution and the solution was stirred for two min. 60 mM (10.68 mg/mL) GDL was added to this
solution while the solution was vortexed for two min. To maintain the pH of the solution near neutral
value, the ratio of CaCO3 to GDL was kept 1:2 [59,60,66]. The crosslinking process was controlled
by introducing GDL for the activation of calcium ions from the calcium carbonate. GDL gradually
reduces the pH of the solution, which results in the release of calcium ions and crosslinking of the
alginate monomers. After this step, the prepared solution was immediately poured into the PDMS
molds. The molds were kept in a humidity box for 24 h for the hydrogel to completely crosslink.
To ensure the data are repeatable, at least five samples were prepared and tested for each experiment.
The composite hydrogel samples were prepared by adding alginate to collagen solutions with
different concentrations.
Freeze-drying and SEM imaging: Several of the hydrogel specimens were flash-frozen with
liquid nitrogen, and then freeze-dried using a FreeZone freeze dryer system (LABCONCO, Kansas
City, MO, USA), Figure S6. A ~15 nm gold film was sputter-coated onto the surface of the freeze
dried samples prior to imaging with SEM. SEM images were acquired using a Zeiss-LEO Model
1530 variable pressure SEM (Zeiss, Oberkochen, Germany).
AFM imaging: AFM images of air-dried collagen solution and freeze-dried samples were
obtained in air using MFP-3D-Bio (Asylum Research, CA, USA) with a cantilever
“HQ:NSC15/Al-BS” (Mesch) with 40 nN/nm stiffness in AC mode (tapping mode) with frequency
of 0.5 Hz.
Tensile test experiment: Tensile test experiments were performed using an Instron 5969 machine
(Norwood, MA, USA) equipped with a pneumatic gripper and a 500 N load cell. To reduce the
punching effect of the pneumatic gripper on the hydrogel specimen, a gripper adaptor was designed
and fabricated that provides the possibility of adjusting the gripping pressure (Figure S7).
Inner surfaces of the gripper adapter were covered with cardboard to prevent sample sliding. Prior to
the tensile test, the cross-section of each sample was measured with a digital caliper. The sample was
loaded onto the gripper adapter with an adjusted gap. To avoid pretension on the hydrogel samples a
cardboard was placed between two gripper adapter to keep them at a constant relative distance and
function as a frame for the specimen prior to the test. The samples were kept inside a humidity box
prior to experiments to avoid dehydration of the specimens. Each sample was loaded onto the
pneumatic gripper and the frame cardboard was cut prior to initiation of the experiment. All tensile
tests were performed with a quasi-static strain rate of 1%/s.
AFM Nanoindentation experiments: Nanoindentation experiments were performed on fully
hydrated hydrogel samples submerged in DI water. To prevent movement and floatation of hydrogel
samples under AFM, the samples were secured from the bottom side to the petri dish and were firmly
held from the top side using a costume fixture (Figure S5B). For nanoindentation experiments, a soft
triangular AFM cantilever with a spring constant of k ~0.32 N/m was used. The AFM probe tip had
an integrated 2 m silicon oxide (SiO2) spherical probe tip (sQube®). Nanoindentation experiments
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were performed using a MFP 3D Bio-AFM (Asylum research, Santa Barbara, CA, USA). Before the
nanoindentation experiment, the deflection sensitivity of the AFM cantilever was calibrated on a stiff
substrate (Si). Nanoindentation experiments were performed on different areas from 10 m × 10 m to
90 m × 90 m for a total of 100 indentation points. We examined different displacement rates from
500 nm/s to 3 m/s, which showed similar results.
Rheometry experiments: A Discovery Hybrid Rheometer (DHR-3) (TA Instruments, New
Castle, DE, USA) was used to perform parallel-plates rheological experiments. The samples were
disk-shaped with a diameter of 25 mm and a height of 3 mm. The storage and loss moduli of the
samples were obtained in the frequency range of 0.1–100 Hz, under 0.5 N (1 kPa) compressive force.
Statistical Analysis: Statistical analysis was performed using Origin (V8.0988; OriginLab Corp,
MA, USA) to determine the statistical differences. For tensile test data and nanoindentation data,
statistical comparisons were performed with one-way analysis of variance (One Way ANOVA).
For rheological data, since we had collagen concentration and frequency changes, statistical
comparison was performed with two-way analysis of variance (Two Way ANOVA). Statistical
significance for all tests was set to be at a p value <0.05.
4. Conclusions
In summary, we fabricated composite alginate-type I collagen fibril hydrogels and characterized
their mechanical properties using rheometry, tensile experiment, and AFM-spherical probe
nanoindentation. The results show that addition of collagen has a pronounced effect on the
rheological and indentation properties of the hydrogel, while tensile properties showed minimal
changes. Nanoindentation properties improve by more than 100%. Rheological properties for 4X
collagen concentration showed several times improvement over alginate hydrogel with no
collagen fibrils.
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Influence of Crosslink Density and Stiffness on Mechanical
Properties of Type I Collagen Gel
Shengmao Lin and Linxia Gu
Abstract: The mechanical properties of type I collagen gel vary due to different polymerization
parameters. In this work, the role of crosslinks in terms of density and stiffness on the macroscopic
behavior of collagen gel were investigated through computational modeling. The collagen fiber
network was developed in a representative volume element, which used the inter-fiber spacing to
regulate the crosslink density. The obtained tensile behavior of collagen gel was validated against
published experimental data. Results suggest that the cross-linked fiber alignment dominated the
strain stiffening effect of the collagen gel. In addition, the gel stiffness was enhanced approximately
40 times as the crosslink density doubled. The non-affine deformation was reduced with the
increased crosslink density. A positive bilinear correlation between the crosslink density and gel
stiffness was obtained. On the other hand, the crosslink stiffness had much less impact on the gel
stiffness. This work could enhance our understanding of collagen gel mechanics and shed lights on
designing future clinical relevant biomaterials with better control of polymerization parameters.
Reprinted from Materials. Cite as: Lin, S.; Gu, L. Influence of Crosslink Density and Stiffness on
Mechanical Properties of Type I Collagen Gel. Materials 2015, 8, 551-560.
1. Introduction
Type I collagen network, a major component of the extracellular matrix (ECM) of connective tissues,
has a profound impact on cellular and tissue behaviors. Type I collagen gels are widely used as a
three-dimensional (3D) scaffold for culturing cells and engineering various tissues capable of providing
optimal microenvironments in the form of physical and chemical cues [1]. The structural properties
of collagen gel provide the basis of cell-scaffold interactions and were considered in many scaffold
designs [2].
It was well acknowledged that microstructure configurations modulated the macroscopic
properties of cross-linked fiber networks [3]. The relationship between mechanical properties of
collagen gel and the quality of cross-linked fiber structure, (including fiber dimensions, fiber
strength, and various polymerization reaction conditions including collagen concentration, pH, etc.)
was documented in the literature [2,4]. Experimental studies [5–7] have shown that type I collagen
gel stiffness and failure stress increased with collagen concentration, pH, or temperature during
polymerization. These polymerization conditions also led to an increased fiber density, fiber length
or a reduced cross-section. In addition, Zeugolis et al. showed that the chemical crosslinking
potently altered the gel stiffness and failure stress more than physical or biological crosslinking
approaches [8]. Sheu et al. observed that the concentration of glutaraldehyde was positively
correlated with the degree of cross-linking, (i.e., crosslink density) [9]. Charulatha et al.
demonstrated that five cross-linking agents led to different crosslink density and chemical structure,
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as well as mechanical responses of formulated collagen membrane [10]. The various chemical
structures of crosslinks are speculated to correspond to different tensile strength.
Computational models of random distributed fibers were also utilized to further inspect the
mechanism of fiber network behaviors for fine-tuning the microenvironment of cell culture [11,12].
Crosslinks in two-dimensional models was simply represented as intersection points, which were
constrained either as freely rotating pin joints [13–15] or welded joints [16]. The 3D crosslinks were
treated as either regular fibers [12] or torsional springs where their rotational stiffness was obtained
by fitting to experimental data [11]. However, the role of crosslinks on the gel mechanics was not
elucidated yet in the existing models.
In this work, the role of crosslinks on the collagen gel properties was investigated through
computational modeling. The collagen fiber network modulated gel behavior was validated against
the experiment by Roeder et al. [6]. The mechanism of strain stiffening of collagen gel was
elucidated. The crosslinks with varied density and stiffness corresponding to different
polymerization conditions [9,10] were formulated in a 3D collagen network. These microscopic
crosslink properties were then correlated with the macroscopic gel mechanics. These results could be
used to guide the design of scaffold with tunable material properties.
2. Materials and Methods
A representative volume element (RVE) with the side length of 40 ȝm was used to represent
commonly used type I collagen gel with a concentration of 1 mg/mL [17], which is equivalent to the
fiber volume fraction of 0.073% (Figure 1a). 3D collagen fibers (1934 in total) were randomly
distributed using the random seed algorithm [18]. The fiber is 8 ȝm long and could be truncated to
4 ȝm at the boundaries. The fiber diameter of 62 nm was based on the measurement for the collagen
gel polymerized at 37 °C and pH 7.4 [5]. Each fiber was meshed with 2 ȝm beam elements
corresponding to the mean crosslink spacing of collagen fiber networks [19]. The crosslinks were
generated between nodes when their distance is less than or equal to a certain value, referred to as
crosslink threshold. Figure 1b demonstrated 2360 crosslinks between fibers in Figure 1a with a
threshold of 800 nm. The uncross-linked fibers were then removed, shown in Figure 1c, due to lack
of contribution to the mechanics of collagen networking. The crosslink density was calculated as the
number of crosslinks per collagen fiber, (e.g., 2.09 in Figure 1c).
The Young’s modulus of collagen fiber was adopted as 50 MPa [11]. Crosslinks were assumed to
have the same material property as collagen fibers in the baseline model. Uniaxial tension was
applied along the x-direction of the RVE. No sliding motion existed between crosslink and collagen.
Nonlinear finite element models were solved using ABAQUS 6.12 (Simulia, Providence, RI, USA).
Various crosslink thresholds and crosslink stiffness were tested to unravel the role of crosslink on
type I collagen gel properties, (i.e., the fiber network properties).
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(a)

(b)

(c)

Figure 1. Representative volume element (RVE) with random distributed fibers
(a) Before cross-linking; (b) Crosslinks; (c) Cross-linked fiber network.
The orientation of collagen fiber network was analyzed using the OrientationJ plugin [20] in ImageJ
software (NIH, Bethesda, MD, USA). The non-affine deformation of fiber network is quantified as
S [21]:

S

1
N

N

¦(
i 1

di  xi H 2
)
xi H

(1)

where di is the displacement for the ith node located at xi from previous step when the network has a
macroscopic strain value of İ. A larger S indicates an increased non-affinie deformation of fiber
networks, with 0 as an affine deformation.
3. Results
3.1. Model Validation
The experimental work by Roeder et al. [6] was simulated using our RVE model subjected to 40%
strain along x-direction as shown in Figure 2a. The fiber diameter was measured as 435 nm with the
Young’s modulus of 79 MPa, and the crosslink threshold was assumed as 450 nm. The fiber network
strain was estimated from the relative edge displacement. The fiber network stress along x-direction
was calculated by the edge reaction force divided by the total fiber cross-section area on the y–z
plane. The stress-strain relationship of 3D collagen gel was depicted in Figure 2c, with comparison
to the experimental measurements. It was clear that our RVE simulation agreed well with the
experiments, especially at strain less than 20%. The discrepancy at larger strain could be explained
by the actual heterogeneous fiber dimensions.
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(a)

(b)

(c)
Figure 2. Cross-linked collagen fiber network (a) at zero loading; (b) at 40% strain along
x-direction; and (c) stress–strain relationship.
3.2. Strain Stiffening Effect in the Baseline Model
Even though both collagen fibers and crosslinks were modeled as linear elastic materials, the fiber
network exhibited obvious strain stiffening (Figure 3a). It was clear that the network stiffness was
increased with strain, and its magnitude is much less than the stiffness of either fibers and crosslinks
due to low fiber volume fraction. This could be explained by the fiber alignment. Therefore the
orientation of collagen fibers as well as the non-affine motion property S was monitored. The
collagen fiber orientation was quantified as the percentage distribution of collagen fibers within í15
to +15 degree angle relative to the loading axis x, which shows the occurrences of fiber alignment
along the loading axis at a defined range as a precentage of the total number of fibers. It was shown in
Figure 3b that fiber alignment along loading axis in both xy and xz planes increased with a larger
strain. It was also found that the non-affine deformation parameter S decreased with the increased
strain. The non-affine deformation was dominated at strains less than 10% which correspond to the
reorganization of random distributed collagen fibers. As strain exceeded 10%, the fiber alignment
along the loading axis continued to increase with the strain, however, the network deformation
tended to be more affine.
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(a)

(b)

Figure 3. Dynamic results of baseline model. (a) Stress–strain relationship and
gel stiffness along loading direction; (b) Percentage distribution of fibers in both x–y and
x–z planes within í15 to +15 degree angle relative to the loading axis, as well as the
non-affine parameter S.
3.3. Effect of Crosslink Density
In this work, crosslink density was regulated by the crosslink threshold as listed in seven RVE
models in Table 1. As the crosslink threshold, (i.e., maximum crosslink distance), increased from
800 nm in the baseline model to 1600 nm, the number of crosslinks surged from 2360 to 8572,
however the number of cross-linked fibers only increased from 1130 to 1931, leading to crosslink
density varying from 2.09 to 4.439. The crosslink threshold regulated microscale fiber network
configurations was also depicted in Figure 4a. The increase of crosslink threshold resulted in larger
numbers of crosslinks and crosslink density as well. However, a plateau was clearly observed for the
number of cross-linked fibers as the maximum crosslink distance exceeded 1200 nm. This indicated
a fully cross-linked collagen fiber network. Figure 4b plotted the relationship between the crosslink
density and collagen gel stiffness. It was clearly observed that the gel stiffness increased with
crosslink density. Specifically, a bilinear relationship was obtained. The rate of stiffness growth
increased almost four times when the crosslink density was larger than 3.44, corresponding to the
crosslink threshold of 1200 nm.
Table 1. RVE models with different crosslink densities.
Cases

Base

1

2

3

4

5

6

Crosslink threshold (nm)

800

850

900

1000

1200

1400

1600

No. of Crosslinks

2360

2933

3594

4687

6467

7776

8572

No. of Cross-linked fibers

1130

1340

1550

1749

1878

1925

1931

Crosslink density

2.09

2.18

2.32

2.68

3.44

4.039

4.439

Gel stiffness (Pa)

30.02

40.823

154.27

545.3

1280.3

4379.6

5659.1
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(a)

(b)

Figure 4. (a) Crosslink threshold regulated microstructure changes of collagen gel;
(b) Correlation between crosslink density and gel stiffness.
3.4. Effect of Crosslink Stiffness
Crosslink stiffness was varied from 50 MPa in the baseline model to 25 MPa, 75 MPa and
100 MPa for studying its role on the type I collagen gel behavior. It was clear from Table 2 that stiffer
crosslinks resulted in increased gel stiffness. This could be attributed to the increased load sharing
capacity of crosslinks. It was shown from our models that the percentage of load shared by crosslinks
was increased with the crosslink stiffness; however its share on the percentage of strain energy
was reduced.
Table 2. Role of crosslink stiffness on Load sharing capacity of crosslinks.
Crosslink Stiffness

25 MPa

50 MPa

75 MPa

100 MPa

Gel stiffness

23.3 Pa

30.0 Pa

31.4 Pa

32.2 Pa

Percentage of total load shared by crosslinks

0.09%

1.55%

2.35%

2.92%

Percentage of strain energy shared by crosslinks

19.3%

11.9%

8.7%

6.9%

4. Discussion
Type I collagen was cross-linked under different conditions to formulate collagen gels for various
tissue engineering applications [22]. Cross-linking plays an important role on the mechanical
stability of gel. The structural properties of the gel will affect the motility of cells and the function of
the regenerated tissue. In this study, a three-dimensional collagen fiber network equivalent to a
concentration of 1 mg/mL was developed in a microscale RVE to investigate the role of crosslinks on
mechanical responses of collagen gels. The model was validated against published experimental
data. The obtained classical strain stiffening effect was elucidated by the role of fiber networking
without considering the nonlinear elasticity of collagen fibers. By monitoring the change of fiber
orientation angle, the strain stiffening effect could be visualized by continuous fiber alignments. This
result is consistent with the experimental study by Vader et al. [2] who attributed the strain stiffening
of collagen gels to the fiber alignment and densification. It also supports the theoretical hypothesis by
Onck et al. [16] that strain stiffening in polymer gel was governed by the fiber rearrangement. We
also observed the profound reduction of non-affine property S at lower strain, which corresponded to
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the reconfiguration of random distributed fibers, especially for lower crosslink density or threshold
induced relative weak network (Figure 5). The non-affine deformation reduced with stretches
corresponding to the gel stiffening. This agrees with the experimental observations by Wen et al. [21].
The results, taken together, suggest that the fiber network dominated the strain stiffening of
collagen gel.

Figure 5. The impact of crosslink threshold on non-affine deformation.
The degree of cross-linking could be regulated by parameters including temperature, pH, collagen
concentration and adopted polymerization agents [9,10]. In the current study, crosslink threshold,
(i.e., the inter-fiber nodal spacing), was used in our model to control the crosslink density. The
adopted crosslink threshold from 800 to 1600 nm is based on the study by Lindstrom et al. [19]. Our
results have demonstrated that the gel stiffness increased approximately 40 times by doubling the
crosslink density with the same collagen concentration. A positive bilinear correlation was found
between the crosslink density and gel stiffness. The turning point at the crosslink threshold of
1200 nm, i.e., crosslink density of 3.44, was when all fibers were cross-linked. Further cross-linking
treatment after this density point would dramatically increase the gel stiffness. This could be
explained by the growth ratio of crosslinks/cross-linked fibers within the network. With a crosslink
density larger than 3.44, the cross-linked fibers increased 2.8% and the number of crosslinks
increased 32.5%, which resulted in a growth ratio of 11.6, compared to the ratio of 3.6 for the
crosslink density less than 3.44 (Table 1). This indicated that crosslinks was mainly used to recruit
more fibers into the network before the turning point, and then contributed to the reinforcement of
fiber network with more crosslinks per node resulting in the pronounced increase in gel stiffness.
Even a linear correlation between the crosslink density and engineered tissue stiffness was well
accepted [23]. Sheu et al. observed a dramatically increase of collagen gel stiffness after fully
cross-linking [9]. Gardel et al. also demonstrated a nonlinear correlation between the crosslink
density and the stiffness of actin fiber network [24]. It should be noted that their crosslink density
was calculated as the crosslink mass, which included all the fibers regardless of their crosslinking
status. In our work, the crosslink density was based on the amount of cross-linked fibers. However,
our adopted definition of crosslink density won’t change the observed bilinear correlation between
crosslink density and gel stiffness. Moreover, no experimental evidence has ever demonstrated this
bilinear correlation. Our observations might shed lights on future testing and experiments.
The role of crosslink stiffness on type I collagen gel behaviors was also examined. Corresponding
to different chemical structures of crosslinks [10], four crosslink stiffnesses with an increment of
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25 MPa (e.g., 25 MPa, 50 MPa, 75 MPa, and 100 MPa), were studied. The gel stiffness increased
28% as the crosslink stiffness increased fourfold (Table 2). This observation aligned with our
intuition, and we speculated that the increased gel stiffness was attributed to the increased load
sharing capacity of crosslinks. It was calculated that percentage of load shared by crosslinks with
stiffness of 25 MPa was 0.09%, compared to 2.92% for crosslink stiffness of 100 MPa. In addition,
the percentage of strain energy shared by crosslinks was reduced from 19.3% to 6.9%, which
indicated that stiffer crosslinks resulted in much less deformations, which mainly served as the load
transmitter. This agrees with the observations by Gardel et al. [25] that softer F-actin filaments rather
than the stiff crosslinks determined the mechanical response of the network. In addition, our baseline
model could be used to illustrate the mechanical behaviors of interfibrillar entanglements for
pepsin- and acid-solubilized collagen since crosslinks and entanglements could be considered the
same in terms of structure configurations [7]. Compared to the impact of crosslink density, the effect
of crosslink stiffness on gel stiffness was insignificant.
The non-fibrous matrix and the statistical estimates of gel stiffness was not considered in our
models due to its minimal contribution to the gel mechanics [26]. The fiber curvature and its
nonlinearity were also overlooked. In the future, we might consider the potential failure mode of
crosslinks at large strains. Regardless of these simplifications, our study has demonstrated the
importance of crosslink properties on the mechanical response of collagen gels. Specifically, the
delicate microstructural changes in crosslink density and stiffness led to profound change in
gel properties.
5. Conclusions
In this study, a RVE model of collagen fiber network was proposed to predict its tensile behavior
under various crosslink density and crosslink stiffness. The required model input, such as the
dimension, stiffness, or volume fractions of fibers, were adopted from published data. Our model
prediction was validated by mimicking a tensile test by Roeder et al. [6]. Utilizing the inter-fiber
spacing to regulate the crosslink density, we are able to provide some novel insights into the role of
crosslink density and stiffness on the mechanical response of type I collagen gel, which can be
summarized as:

x
x

The strain stiffening effect of the collagen gel was dominated by the fiber alignment.
The increased crosslink density has much more impact on the gel stiffening than the crosslink
stiffness. A positive bilinear correlation between the crosslink density and gel stiffness
was predicted.

These results could improve the understanding of the mechanics of collagen networks for
designing and regulating clinical relevant biomaterials. This work could also be extended to study
how cells respond to different micromechanical environments.
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Hybrid Membranes of PLLA/Collagen for Bone Tissue
Engineering: A Comparative Study of Scaffold Production
Techniques for Optimal Mechanical Properties and
Osteoinduction Ability
Flávia Gonçalves, Ricardo Bentini, Mariana C. Burrows, Ana C. O. Carreira,
Patricia M. Kossugue, Mari C. Sogayar and Luiz H. Catalani
Abstract: Synthetic and natural polymer association is a promising tool in tissue engineering.
The aim of this study was to compare five methodologies for producing hybrid scaffolds for cell
culture using poly-L-lactide (PLLA) and collagen: functionalization of PLLA electrospun by
(1) dialkylamine and collagen immobilization with glutaraldehyde and by (2) hydrolysis and
collagen immobilization with carbodiimide chemistry; (3) co-electrospinning of PLLA/chloroform
and collagen/hexafluoropropanol (HFP) solutions; (4) co-electrospinning of PLLA/chloroform and
collagen/acetic acid solutions and (5) electrospinning of a co-solution of PLLA and collagen using
HFP. These materials were evaluated based on their morphology, mechanical properties, ability to
induce cell proliferation and alkaline phosphatase activity upon submission of mesenchymal stem
cells to basal or osteoblastic differentiation medium (ODM). Methods (1) and (2) resulted in a
decrease in mechanical properties, whereas methods (3), (4) and (5) resulted in materials of higher
tensile strength and osteogenic differentiation. Materials yielded by methods (2), (3) and (5)
promoted osteoinduction even in the absence of ODM. The results indicate that the scaffold based
on the PLLA/collagen blend exhibited optimal mechanical properties and the highest capacity for
osteodifferentiation and was the best choice for collagen incorporation into PLLA in bone
repair applications.
Reprinted from Materials. Cite as: Gonçalves, F.; Bentini, R.; Burrows, M.C.; Carreira, A.C.O.;
Kossugue, P.M.; Sogayar, M.C.; Catalani, L.H. Hybrid Membranes of PLLA/Collagen for Bone
Tissue Engineering: A Comparative Study of Scaffold Production Techniques for Optimal
Mechanical Properties and Osteoinduction Ability. Materials 2015, 8, 408-423.
1. Introduction
The electrospinning process was patented in 1934 [1], and its use for cell scaffold design is widely
accepted and explored in various scientific fields [2,3]. The process for obtaining electrospun
materials consists of establishing a potential difference between the polymeric solution or melted
polymer and the collector, creating an electric field between them and ejecting the electrically
charged polymeric solution onto the collector. The electric field stretches the polymer chains, and the
polymer is randomly deposited on the collector [2].
Electrospun materials can be produced from synthetic or natural polymers [3]. Among the
synthetic polymers that can be used, aliphatic polyester poly-L-lactide (PLLA) excels as a biomaterial
because of its semi-crystalline form, which enables the production of high tensile strength [4],
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biocompatible, easily processed materials with satisfactory mechanical properties for bone
regeneration [4]. However, PLLA does not have specific binding sites for cell adhesion and is highly
hydrophobic, causing poor interaction with cells and precluding the flow of nutrients [5,6].
Among the natural polymers used as biomaterials, collagen is prominent. As a protein formed
mainly of glycine, proline and hydroxyproline, collagen exhibits a highly organized structure [7].
Collagen is the primary extracellular matrix protein of several tissues, such as bone and conjunctive
tissue, exhibiting specific sites for cell adhesion and good compatibility [8]. However, the use of
collagen presents some limitations, such as a high degradation rate, low processability and
inadequate mechanical properties for bone-related applications [9,10]. Hence, the concomitant use of
synthetic and natural materials, such as PLLA and collagen, has proven to be an excellent alternative
for combining the positive aspects of both materials [5,11].
Depending on the conditions used, the electrospinning of collagen solutions may result in fiber
mats with a diameter near that of natural collagen fibrils [12]. However, the main solvents used
to dissolve collagen, such as fluorinated alcohols 1,1,1,3,3,3-hexafluoro-2-propanol (HFP) or
2,2,2-trifluoroethanol (TFE), also destabilize the hydrogen bonding of collagen’s triple-helix structure,
leading to denaturation [13]. A circular dichroism study reported the denaturation of 45% of the
triple-helix structure in an 8% wt/vol collagen-HFP solution [12]. Using gel electrophoresis,
analyses of gelatin and collagen bands when solubilized in HFP indicated a 58% loss of collagen.
After electrospinning, the total loss increased to 68%. These values increased to 93% and 99.5%,
respectively, when submitted to pepsin degradation. Pepsin is not known to degrade intact structures
of collagen’s triple-helix backbone, but it is known to be active on modified structures, providing
evidence of collagen denaturation [13]. Other authors have suggested that the use of acetic acid as a
solvent minimizes the degradation of native collagen structures. However, more studies are required
to understand the exact effect of acetic acid as a collagen solvent because only a small advantage is
observed with respect to HFP use [14].
One approach to avoid electrospinning-related problems is through the immobilization of
collagen onto a polymer matrix surface, e.g., PLLA, which has been demonstrated to be an excellent
alternative for increasing hydrophilicity and thus cell adhesion and proliferation while maintaining
cell functionality [5,11]. Immobilization can be achieved by anchoring amine or carboxyl groups
onto polymer surfaces previously generated through, for example, aminolysis or hydrolysis [15,16].
Although these methodologies have been successfully employed and intensively studied in films
and sintered three-dimensional (3D) matrices [17], their use in electrospinning has rarely been
reported [18,19]. Electrospun PLLA fiber aminolysis, followed by chitosan immobilization, resulted
in increased fibroblast proliferation while maintaining the mechanical properties of the fibers [18].
Accordingly, the attachment of fibronectin to PLLA fibers through aminolysis led to increased
epithelial cell proliferation and collagen type IV expression [19].
The aim of the present study was to evaluate and compare different types of collagen associations
to PLLA in electrospun fibers. The methodologies used were as follows: (i) electrospinning of
co-solutions, resulting in blends; (ii) electrospinning of PLLA followed by collagen immobilization
onto the surfaces of fibers; and (iii) co-electrospinning of PLLA and collagen isolated solutions,
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resulting in hybrid mats. Various solvents and immobilization techniques were quantitatively and
qualitatively evaluated and compared.
2. Results and Discussion
2.1. Generation and Characterization of Scaffolds
Aggregating biological components and synthetic polymers to mimic extracellular matrix (ECM)
properties is a widespread technique [5,20]. The use of collagen as the bio-component has resulted
in numerous successful examples of such mimicry, most of which have been constructed from
collagen-decorated surfaces, in which the amount of collagen is usually scant [20]. Alternatively,
blending both components through co-dissolution, followed by film or fiber processing, can yield
materials with higher proportions of collagen. Depending on the polymer-to-collagen ratio, the
electrospinning of a co-solution may render hybrid materials with fiber populations of different
compositions. Co-electrospinning represents the extreme case of this situation, in which two opposed
jets of distinct solutions from isolated components are aimed at the same rotating target.
Herein, five different approaches for incorporating a large or reduced amount of collagen into
PLLA electrospun scaffolds are compared. Two of these methods are based on collagen
immobilization on electrospun PLLA surfaces after modification through aminolysis or hydrolysis.
The two other methods involve the co-electrospinning of PLLA/chloroform/DMF (9:1) and
collagen/HFP or collagen/acetic acid solutions. Finally, a PLLA/collagen blend was generated from
a co-solution in HFP.
An advantage of collagen immobilization onto PLLA is lower degradation and denaturation
because collagen is solubilized in an acetic acid solution (4%) [21]. However, as demonstrated below,
disadvantages of this method are the following: (i) only small amounts of collagen can be
incorporated into the matrix; (ii) fibers must be functionalized prior to processing; and (iii) the scaffold
mechanical properties decrease.
Aminolysis (using alkanediamines) and hydrolysis (using basic aqueous solutions) generate
respective amino (–NH2) and carboxyl (–COOH) groups on the polymer surface. These reactions are
dependent on several parameters, such as (i) solvent; (ii) amine type and concentration;
(iii) temperature; and (iv) total reaction time [16]. In this study, milder conditions were selected and
compared with those used for films and 3D scaffolds [16,17,22]. In all cases, a decrease or complete
loss of polymer crystallinity during electrospinning has been observed [23], which could directly
affect the material properties and reactivity, thus affecting aminolysis and hydrolysis reaction rates.
Additionally, the electrospinning technique is susceptible to the effects of several variables (e.g.,
polymer concentration, solvent type, flow rate, voltage and needle-collector plate distance) [3],
which might govern the diameter of the fibers and indirectly affect the scaffolds’ response to
aminolysis and hydrolysis conditions.
Although Chen et al. [15] reported the differences in electrospun PLLA fiber hydrolysis using a
0.5 M NaOH solution for 5, 10 and 30 min, we determined that the limiting condition before
extensive scaffold degradation was 0.1 M NaOH solution for 3 min. The statistically identical values
of –COOH concentration in Table 1 for reaction times of >3 min indicate that hydrolysis reaches a
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maximum at the surface while continuously leaching to the inner volume of the fibers, compromising
the mechanical properties of the fibers instead of creating more reactive surface groups.
Table 1. Total carboxyl group concentration (mol/g) inserted into PLLA scaffolds as a
function of the reaction time (min).
Material

Hydrolysis time (s) #

Carboxyl group concentration (mol/g)

0

(3.7 ± 0.5) × 10í5

20

(5.6 ± 0.9) × 10í5

45

(5.5 ± 1.0) × 10í5

60

(5.8 ± 0.7) × 10í5 *

180

(5.9 ± 1.0) × 10í5 *

PLLA

#

Reaction with 0.1 M NaOH; * Significant difference when compared to PLLA scaffolds without

hydrolysis (0 s); p < 0.05.

We also observed severe limitations for aminolysis, in which total degradation of the fibers was
observed when using conditions reported in literature [24,25]. As shown in Table 2, we observed a
reaction time limit of 5 min using diamine concentrations that were 3–8 times lower than previously
reported, whereas the amine concentration on the surface varied by only 2.5-fold.
Table 2. Total amine group concentration (mol/g) inserted into PLLA scaffolds as a
function of reaction time (min).
Material

PLLA

#

Aminolysis Time (min) #

Amine Group Concentration (mol/g)

0.5

(1.2 ± 0.2) × 10í5

1

(1.6 ± 0.2) × 10í5

3

(1.9 ± 0.2) × 10í5 **

5

(3.2 ± 0.2) × 10í5 ***

Reaction at 0.008 g/mol of HAD; ** Significant difference when compared to PLLA scaffold with 0.5 s

of aminolysis at p < 0.01 and *** p < 0.001.

After aminolysis or hydrolysis, dialdehyde (GTA) and carbodiimide (EDC) chemistry can be
respectively employed to immobilize collagen onto the polymer surface [11,20], although some
cytotoxicity is attributed to GTA [24].
The amount of collagen incorporated onto the scaffolds’ surface was measured with the ninhydrin
test and elemental analyses (Table 3). Using both methods, approximately 1.5% collagen could be
inserted via hydrolysis/EDC methodology. However, for the aminolysis/GTA method, the amount of
collagen detected by elemental analysis was 5-fold higher than the values determined using the
ninhydrin test. Although similar values were observed among hydrolysis/EDC, elemental analyses
exhibited high standard deviation and coefficient of variance values. Because the collagen was not
well distributed in these materials, the high variability can be attributed to the small amount of
material used for analyses. However, the ninhydrin test quantification results, which required more
material for analyses, exhibited lower variance; thus, the ninhydrin test was a more efficient
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quantification methodology for these materials. This observation is in agreement with the higher
concentration of functional groups obtained after surface modification, establishing
functionalization as the limiting step of this approach.
Table 3. Means and standard deviations of collagen (wt%) inserted into the scaffolds
obtained from elemental analyses and the ninhydrin test.
Material

Collagen Concentration (wt%)
Elemental analysis

Ninhydrin test

PLLA

0

-

PC_hydrolysis

1.4 ± 0.5

1.5 ± 0.2

PC_aminolysis

1.5 ± 0.6

0.30 ± 0.05

PC_blend

47 ± 1

-

PC_cf_HFP

71 ± 10

-

PC_cf AA

15 ± 6

-

Co-electrospinning is a technique that offers the advantage of incorporating large amounts
of collagen. In addition, because this technique creates segregated fibers of each of the compounds
from different solutions, alternative solvents can be selected, allowing a lower extent of collagen
denaturation during electrospinning [13,14]. In this study, acetic acid and HFP were compared as
solvents that have different effects on collagen denaturation. Collagen is highly stable in these
solvents, however, resulting in a high threshold concentration for achieving the viscosity conditions
necessary for electrospinning to occur without bead formation.
The co-electrospinning of PLLA and collagen was optimum when using concentrations of 50
wt% polymers. Although initial solutions contained the same concentrations of PLLA and collagen,
their distinct properties, such as viscosity, surface tension and charge density, affected their ability to
be electrospun [25], hence yielding hybrid mats of varied composition. Elemental analyses (CHN)
were performed to determine the final amounts of collagen in the materials (Table 3). The collagen
solution formed using HFP was able to incorporate more collagen than the acetic acid solution:
the former yielded mats containing 71% collagen, whereas the latter yielded mats containing only
15% collagen.
Finally, PLLA and collagen blends were produced using a co-solvent that equally dissolved both
polymers. In this case, HFP was observed as the only solvent in which the two polymers were
miscible, despite the loss of collagen’s most important structural features, such as its triple helices
assembly [13]. To create a standard for comparison, co-solutions containing 50 wt% of both
polymers were electrospun. The resulting blended material exhibited collagen incorporation closest
to its initial composition (47% collagen, Table 3).
Figure 1 presents SEM images of the different scaffolds evaluated in this study. When collagen was
immobilized on the surface of PLLA through hydrolysis (Figure 1B) or aminolysis (Figure 1C), the
fibers became thicker, while a fibrous structure was maintained. For comparison, Figure 1A shows
plain PLLA fibers. The scaffold obtained from PLLA/collagen blend electrospinning (Figure 1D)
contained regular but thinner fibers, whereas the materials obtained by co-electrospinning clearly
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consisted of molten fibers, a typical result observed when pure collagen is spun. Nonetheless, the fibers
obtained from the co-spinning of the acetic acid/collagen solution were more regular than those
obtained using HFP.

A

B

C

D

E

F

Figure 1. SEM images (×1000 magnification) of electrospun scaffolds: (A) PLLA;
(B) PLLA after hydrolysis and collagen incorporation with EDC; (C) PLLA after
aminolysis and collagen incorporation with GTA; (D) PLLA/collagen electrospun by
blending; (E) PLLA/collagen electrospun by co-electrospinning and using HFP as the
collagen solvent; and (F) PLLA/collagen electrospun by co-electrospinning and using
acetic acid solution as the collagen solvent.
Table 4 presents the mechanical scaffold characterization results, a property of utmost importance
when evaluating the possible applications of these materials. The materials subjected to hydrolysis and
aminolysis, followed by collagen immobilization, exhibited the lowest Young’s modulus and tensile
strength values. These findings are somewhat expected because diamines are known to percolate
through the polymer matrix, followed by lysis reactions and disruptions of fibers, decreasing the
strength and elasticity of the material [26]. Kim and Park [26] reported that PLLA nanofibers
subjected to aminolysis developed stacked lamellae through transverse oriented degradation,
resulting in lower mechanical properties.
However, basic hydrolysis is expected to be solely a surface reaction. Sun et al. [27] demonstrated
that alkali etching of PLLA yarns promotes time-dependent mass loss, concluding that the process is
surface-limited. This surface peeling causes a reduction in fiber diameter, which is also dependent on
alkali concentration and temperature. However, in this study, the electrospun fiber diameters were
2 orders of magnitude lower than those of the yarns, and the same peeling was expected to break
down most of the low-diameter fibers, explaining the results reported in Table 4.
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Table 4. Mechanical properties of PLLA/collagen electrospun materials: means and
standard deviations of Young’s modulus 1, tensile strength and elongation at break values
of the six scaffolds tested.
Material

Elongation at Break (%)

Tensile Strength (MPa)

Young’s Modulus 1 (GPa)

PLLA

39 ± 8

18 ± 3

0.19 ± 0.03

PC_hydrolysis

14 ± 2 ***

4.8 ± 0.8 *

0.07 ± 0.01

PC_aminolysis

5.8 ± 0.3 ***

7±1

0.10 ± 0.02

1

1

PC_blend

(5 ± 1) × 10

(8 ± 1) × 10 ***

1.0 ± 0.1 ***

PC_cs_HFP

6 ± 1 ***

38 ± 6 ***

1.4 ± 0.2 ***

PC_cs_AA

14 ± 2 ***

24 ± 4

0.7 ± 0.1 ***

1

Young’s modulus is calculated from the linear region of the stress-strain curves; * Significant

difference when compared to PLLA scaffold at p < 0.05 and *** p < 0.001.

Although hydrolysis results in higher scaffold degradation and consequently, lower mechanical
properties, the higher surface enables the incorporation of higher amounts of collagen, when
compared to aminolysis, as previously discussed.
Regarding DMA analyses of materials with a large amount of collagen obtained by
co-electrospinning, the lower elongation of these materials at break is believed to be a function of
neat-collagen crosslinked fiber friability. While electrospun collagen fiber elongation has been
observed to reach values of 26% and 33% in literature [28,29], these values refer to a scaffold not
submitted to any crosslinking treatment; in this present study, materials were analyzed after being
crosslinked. Although collagen scaffolds could be obtained for electrospinning, they could not be
tested due to their friability after crosslinking treatment. Co-electrospun scaffolds also exhibited higher
rigidity, as indicated by their high elastic moduli (Table 4). Previous studies [21,29] have reported
that the Young’s moduli of electrospun collagen fibers are related to fiber diameter. Yang et al.
demonstrated that the Young’s modulus ranged from 1.0 to 3.9 GPa in scaffolds with mean fiber
diameters of 187 and 305 nm, respectively. In addition, no significant difference was observed in the
Young’s moduli between crosslinked and uncrosslinked collagen fibers. These values are at least
5 times higher compared with those of PLLA examined in this present study, explaining the higher
Young’s modulus values obtained in co-electrospun and blended materials.
In the blended materials, the PLLA/collagen scaffold was able to maintain high elongation via PLLA
and high tensile strength via collagen. Consequently, this material exhibited better mechanical properties
than the other scaffolds evaluated in this study. These results agree with those of Ngiam et al. [30]
who reported that 1:1 PLLA/collagen scaffold blend exhibited an elasticity modulus that was
approximately 3.5 times higher than that of pure PLLA after hydroxyapatite incorporation.
2.2. Cell Culture
Fluorescence images of labeled cell nuclei obtained by confocal microscopy are presented in
Figure 2; the cells were homogeneously distributed on top of the majority of the materials, except on
the PC_hydrolysis scaffold and to a lower extent on the PC_aminolysis scaffold, which contained
regions of concentrated cells (Figure 2B,C). Because small amounts of collagen were bound to the
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scaffold in these methods, collagen only partially covered the fibers, creating preferential sites for
cell adhesion and proliferation. In fact, the collagen concentration increased the number of sites
available for integrin and other transmembrane collagen receptor attachment, responsible for cell
adhesion and proliferation [31,32]. Likewise, studies have demonstrated that increasing the
concentration of immobilized collagen on PLLA/collagen membrane surfaces is correlated with
increasing cell density [20,33].

Figure 2. Fluorescence confocal images (100× magnification) of cells on electrospun
scaffolds: (A) PLLA; (B) PLLA after hydrolysis and collagen incorporation with EDC;
(C) PLLA after aminolysis and collagen incorporation with GTA; (D) PLLA/collagen
electrospun by blending; (E) PLLA/collagen electrospun by co-electrospinning
and using HFP as the collagen solvent; and (F) PLLA/collagen electrospun by
co-electrospinning and using acetic acid solution as the collagen solvent.
Cell proliferation was measured by 3H-thymidine incorporation into DNA (Figure 3), and cell
differentiation (osteogenesis) was assessed by alkaline phosphatase (ALP) activity (Table 5). The
results show a different growth rate for each type of scaffold upon culturing human mesenchymal
stem-cells from exfoliated teeth dental pulp (SHEDs) for up to 14 days. Initially, up to day 3,
PC_hydrolysis exhibited higher adhesion and proliferation than all of the other materials. One
possible explanation for this result is that the collagen attached to this functionalized surface was less
degraded than electrospun collagen [21], facilitating cell adhesion [5,16,20] through a highly
specialized mechanism of interaction with the collagen triple-helix [32]. Furthermore, hydrolysis
increases polymer hydrophilicity, favoring cell attachment and growth [34]. The variation observed
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between PC_hydrolysis and PC_aminolysis can be attributed to the 5-fold lower content of collagen
and the presence of half as many functional groups during PC_aminolysis, limiting the effect of
this process.
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Figure 3. Incorporation of 3H-thymidine (CPM) into the DNA of SHEDs after (A) 0;
(B) 3; (C) 7; (D) 10; and (E) 14 days of culture on different PLLA and collagen scaffolds.
Statistically significant difference at * p < 0.05, ** p < 00.01 and *** p < 00.001.
Table 5. ALP activity (U/L) means and standard deviations in SHEDs cultured on
scaffolds under ODM and DMEM conditions.
Material

ALP (U/L)
ODM

DMEM

PLLA

0.16 ± 0.05

Not detected

PC_hydrolysis

0.60 ± 0.08

0.15 ± 0.04

PC_aminolysis

0.5 ± 0.1

Not detected

PC_blend

1.2 ± 0.1 ***

0.8 ± 0.1

PC_Cf_HFP

1.0 ± 0.2 ***

0.34 ± 0.08 **

PC_cf_AA

1.6 ± 0.3 ***

Not detected

Control

1.3 ± 0.1 ***

Not detected

*** Significant difference of ALP in ODM medium when compared to the PLLA scaffold at p < 0.001;
** Significant difference of ALP in DMEM medium when compared to the PLLA/collagen blended
material at p < 0.01.

From day 7 to 10, higher cell proliferation rates on the co-electrospun materials were observed.
These results can be attributed to two main factors, namely, the amount of collagen and cells adhering
to cryptic binding sites in collagen, which are only exposed after collagen denaturation [31]. Finally at
day 14, advanced cell maturation leads to decreased cell metabolism and equalized growth rates for
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all groups. These results agree with studies that have demonstrated higher early cell adhesion when
collagen was added to scaffolds of various compositions [20,33].
ALP is an enzyme that is used as a biochemical marker of osteoblastic activity. ALP activity was
used to assess SHED cell differentiation when plated onto scaffolds and cultured with ODM or
DMEM. Osteodifferentiation should be observed on the materials cultured in the presence of ODM,
whereas cells that are cultivated in basal medium (DMEM) should differentiate as a function of the
scaffold material. Table 5 shows that the materials containing higher amounts of collagen, as
obtained by blending or co-electrospinning, exhibited higher expression of ALP in ODM as well as in
pure DMEM. These findings can be attributed to the larger number of sites for integrin adhesion, which
promote better cell dispersion and improve osteoblast differentiation [35,36]. Integrins are a class of
transmembrane proteins known for mediating cell adhesion to the extracellular matrix and consequently,
providing an intracellular signaling for cell proliferation, functionality and/or differentiation [35]. Studies
performed by Mizuno et al. [35] and Schneider et al. [36] reported that the Asp-Gly-Glu-Ala domain
of type I collagen interacts with Į2ȕ1 integrin, increasing gene expression of bone markers and
matrix mineralization [35,36].
However, not all materials were able to promote the differentiation of mesenchymal stem cells
(SHEDs) into osteoblasts without ODM. This osteodifferentiation ability was observed on only three
materials, namely, the scaffolds obtained by co-electrospinning using HFP, by collagen
immobilization after hydrolysis and by polymer blending, with the latter exhibiting the highest extent
of osteogenic induction. The main but not exclusive factor responsible for osteoblastic differentiation
was the presence of collagen on the scaffold because the ALP activity was very low or
non-detectable in both pure PLLA or in the control without collagen. These findings agree with those
of a previous study that demonstrated gene expression of bone markers in collagen but not in PLLA
scaffolds under basal conditions [37].
However, the presence of collagen does not ensure differentiation because the MSCs grown on
the PC_aminolysis and PC_cs_AA scaffolds did not exhibit ALP activity in basal medium. Other
factors operate in conjunction to determine the osteodifferentiation capacities of a material.
Comparing a non-osteoinductive material (PC_aminolysis) with an osteoinductive material
(PC_hydrolysis) reveals that the main difference between them is collagen content, indicating that a
minimum amount of collagen in the scaffold is required to promote cell differentiation.
When comparing the materials obtained by co-electrospinning, both were observed to contain
independent fibers of PLLA and collagen, with the main difference between them being the solvent
used to obtain the collagen solution. According to Table 5, collagen dissolved in HFP is able to
promote cell differentiation in DMEM, whereas in acetic acid, cell differentiation cannot be
promoted. Dong and co-workers [38] demonstrated that HFP solubilizes collagen not only by breaking
the hydrophobic interactions via the trifluoromethyl groups but also by breaking hydrogen bonds
via the mildly acidic secondary alcohol hydroxyl. Acetic acid would promote solubilization only via
hydrogen bond rupture, which may produce differences in the collagen fibers obtained using these
methodologies. A study by Liu et al. [14] using circular dichroism analysis demonstrated that
electrospun scaffolds of collagen obtained with HFP and acetic acid caused collagen denaturation due to
the loss of the triple-helix conformation. Moreover, when using acetic acid, the extent of collagen
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degradation was reduced compared with that observed using HFP [14]. The higher degradation
afforded by HFP would easily expose cryptic binding sites to integrin receptors, as previously
described [31]. However, partial degradation by acetic acid would induce sterically hindered links to
these sites. Therefore, higher bone differentiation could be obtained using HFP.
The highest extent of osteoinduction was observed on the blended material. Several factors
that are unique to these materials’ design can interact to induce and improve bone differentiation,
such as reduced fiber size, fibers composed of both collagen and PLLA and highest mechanical
properties [37,39].
The data obtained in this study allow us to conclude that the material obtained by electrospinning
a co-solution of PLLA/collagen yielded the best performance for bone tissue engineering applications
because this material demonstrated the highest mechanical properties and high values of ALP
expression in osteoinductive and basal media, exhibiting osteoconduction and osteoinduction properties.
3. Experimental Section
Five methodologies were designed to compare the mechanisms by which collagen is inserted into
scaffolds, namely: (1) immobilization of collagen on the surface of electrospun PLLA subjected to
hydrolysis using carbodiimide as the crosslinking agent (PC_hydrolysis); (2) immobilization of
collagen on the surface of electrospun PLLA subjected to aminolysis and using glutaraldehyde as the
crosslinking agent (PC_aminolysis); (3) electrospinning of a co-solution of PLLA and collagen (1:1)
using HFP as co-solvent (PC_blend); (4) co-electrospinning (concomitant spinning of
isolated solutions) of PLLA/chloroform and collagen/HFP solutions (1:1) (PC_cs_HFP);
(5) co-electrospinning of PLLA/chloroform and collagen/acetic acid solutions (PC_cs_AA).
3.1. Electrospinning of PLLA, Collagen and PLLA/Collagen Solutions
A PLLA/collagen blend scaffold in a 1:1 ratio was obtained by the co-dissolution of both
polymers in HFP, producing a 5 wt% solution, followed by electrospinning in one syringe.
PLLA/collagen hybrid scaffolds formed in a 1:1 ratio using different solutions were prepared
through the simultaneous co-electrospinning of a PLLA solution (5 wt%) in chloroform/DMF (9:1)
and a collagen solution (25 wt%) in acetic acid (40 vol%) or a collagen solution (5 wt%) in HFP.
Solutions were electrospun using different syringes coupled along the same axis but in different
directions and perpendicular to the collector.
Pure PLLA solution (5 wt%) in chloroform/DMF (9:1) was electrospun for further collagen
immobilization. All solutions were electrospun using the following parameters: flow rate of 2 mL/h,
distance of 9 cm between the needle and collector and applied voltage of 12.5 kV. The collector was
a rotor operated at low speed.
3.2. Scaffold Crosslinking
Because collagen fibers are partially soluble in aqueous media after electrospinning, the scaffolds
obtained using co-spun or blended fibers were stored in a glutaraldehyde (GTA) atmosphere for 24 h to
crosslink the scaffold fibers. After crosslinking treatment, the scaffolds were washed four times with
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a 0.02 M glycine solution for 20 min and once with deionized water to remove and neutralize the
remaining GTA.
3.3. PLLA Functionalization and Collagen Immobilization on the Surface
PLLA electrospun scaffolds were submitted to aminolysis with 1,6-hexanediamine (HDA) or to
hydrolysis to create surface amino and carboxylic groups, respectively.
For aminolysis, the scaffolds were immersed in a propanol solution containing 8 mg/mL of HDA
at 50 °C for 5 min. Collagen was immobilized on the scaffold surfaces by immersion for 3 h at room
temperature in a solution containing 1 wt% GTA in PBS (pH 7.4), rinsed with deionized water for
2 h and immersed in a collagen solution at 4 °C for 24 h [20].
For hydrolysis, PLLA scaffolds were immersed in an aqueous solution of 0.1 M NaOH at 37 °C
for 3 min. A 2 mg/mL collagen solution was prepared in aqueous acetic acid (3 vol%). These
scaffolds were then immersed in a 48 mM 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide chloride
(EDC) solution, 6 mM N-hydroxysuccinimide and 50 mM MES (2-(N-morpholino)ethanesulfonic
acid) buffer (pH 5.0) for 24 h at 4 °C, rinsed with deionized water for 2 h and immersed in a collagen
solution for 24 h at 4 °C [11].
3.4. Aminolysis, Hydrolysis and Collagen Quantification
The number of amine groups inserted into the scaffolds was measured using the ninhydrin test.
Briefly, scaffolds (r = 0.6 mm, approximately 5 mg per disc) were immersed for 45 s in an ethanol
solution containing 0.01 M ninhydrin, transferred to a clean glass tube and heated to 70 °C for
10 min. Scaffolds were solubilized in a solution containing dichloromethane and isopropanol (1:1).
The absorbance of ninhydrin-amine group complexation was measured at 540 nm and compared with
a calibration curve to determine the amine concentration in the scaffolds.
The number of carboxyl groups inserted into the scaffolds was measured using
rhodamine-carboxylic acid interaction. Briefly, rhodamine-6G hydrochloride was dissolved in
a phosphate buffer (pH 12), followed by toluene extraction. PLLA scaffold discs (r = 0.6 mm;
approximately 5 mg per disc) were solubilized in 1 mL of dichloromethane, followed by the addition
of 1 mL of a neutral rhodamine-6G toluene solution. The solution was incubated in the dark for 1 h.
The absorbance of rhodamine-carboxylic acid complexation at 535 nm was measured and compared
with a calibration curve to determine the carboxyl concentration in the scaffolds.
The amount of immobilized collagen was measured using the ninhydrin test. Scaffold discs
(r = 0.6 mm, approximately 5 mg per disc) were hydrolyzed with a 6 M HCl aqueous solution for
24 h at 120 °C under a nitrogen atmosphere. The solution was dried, and a combination of a
ninhydrin solution (0.04 M) and 0.1 M citric acid buffer (pH 5.5) was added. The final solution was
heated to 70 °C for 10 min and cooled to 4 °C for 5 min. The absorbance of ninhydrin-amine group
complexation (amino acid groups from hydrolyzed collagen) was measured at 560 nm and compared
with a calibration curve to determine the collagen concentration in the scaffolds.
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3.5. Scanning Electron Microscopy
To analyze and compare scaffold morphologies, SEM images were obtained using a JEOL FEG
741F field-emission electron microscope (Tokyo, Japan).
3.6. Elemental Analyses
CHN analyses on the scaffolds were performed using a Perkin-Elmer Elemental Analyzer model
2400 Series II. Because only collagen molecules contained nitrogen, pure collagen mats were used to
calibrate the amount of collagen inserted into the other scaffolds based on the proportion of nitrogen
detected in each material.
3.7. Dynamic Mechanical Analysis (DMA)
Scaffolds were cut into specimens measuring 30 mm × 7 mm. Scaffold thickness was measured
using a micrometer (Mitutoyo, Japan), and the specimens were subjected to a stress-strain test in a
TA Instruments Q800 DMA tester (New Castle, PA, USA). Briefly, the specimens were fixed
between two clamps, and a pre-load of 0.01 N was applied for 5 min. The temperature was
maintained at 30 °C, and a force ramp of 2 N/min was applied. The tensile strength, Young’s
modulus and maximum elongation at break were obtained for each material.
3.8. Cell Proliferation
A cell suspension (2.0 × 104 cells/well) of human mesenchymal stem-cells from exfoliated teeth
dental pulp (SHEDs) was added to a 24-well culture tray coated with scaffold and cultured in
osteoblastic differentiation media (ODM), composed of Dulbecco’s modified Eagle’s medium
(DMEM), 10% fetal bovine serum, 10 mM ȕ-glycerophosphate disodium salt hydrate, 50 g/mL
L-ascorbic acid and 1% penicillin/streptomycin (10,000 U/mL/10,000 g/mL). Cell proliferation was
determined using 3H-thymidine uptake into DNA. Cultures were maintained for 0, 3, 7, 10 and
14 days. At each time point, cells were labeled with 3H-thymidine (0.037 MBq/well or 0.5 Ci/well)
for 18 h before harvesting. Cultures were washed with PBS twice before the addition of 500 L of
5% TCA (twice) to remove unincorporated label, and the cells were then lysed in 0.1 N NaOH and
0.1% SDS for 2 h and harvested onto glass fiber filters. The filters containing 3H-thymidine-labeled
DNA were counted using a Perkin-Elmer liquid scintillation counter. The results are expressed in
counts per minute (CPM).
3.9. Alkaline Phosphatase Assay (ALP)
Human MSCs from the dental pulp of exfoliated teeth (SHEDs) were cultured on the top of the
scaffolds for 14 days. Half of the scaffolds and cells were maintained in ODM, and the other half
were cultured in DMEM only. For the ALP assay, cells were lysed in lysis buffer composed of 1%
Triton X-100, 0.9% NaCl and 0.5 M Tris (pH 9.0) under agitation for 30 min at 4 °C. Cell
suspensions were then maintained in an ultrasonic bath for 10 min and centrifuged at 1500 rpm for
15 min before supernatant collection. ALP activity assays were performed according to the
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manufacturer’s protocol (Labtest, Monte Claros, Brasil), and the absorbance at 590 nm was
measured using a spectrophotometer (Tecan, Infinite 200 PRO, Mannedorf, Switzerland).
3.10. Cell Distribution on Scaffolds
The cell distributions on the scaffolds were determined by fluorescent staining with nucleus
marker 4’,6-diamidino-2-phenylindole (DAPI) at an excitation wavelength of 358 nm and an
emission wavelength of 461 nm. After 14 days of culture in ODM, the scaffolds were rinsed with
PBS and immersed in a 14.3 mM DAPI solution for 5 min. The scaffolds were rinsed three times
with PBS and mounted in glass slides using Vectashield as the mounting medium. The scaffolds
were analyzed using a confocal microscope (Zeiss, LMS 510 META, Jena, Germany).
3.11. Statistical Analyses
For each test, data were subjected to one-way ANOVA and Tukey’s test (Į = 0.05) while
considering homoscedasticity and normality.
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