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SUMMARY 

 

Osseointegration remains a primary concern for implanted devices in patients 

with risk factors such as diabetes, smoking, age, arthritis, and osteoporosis. Current use 

of titanium alloys, while successful, comes at a high cost. Cheaper alternatives may exist 

with polymers for some non-load bearing applications. Advancements in polymer 

chemistry have yielded a class of smart materials called shape-memory polymers (SMPs), 

which can change their shape via changes in temperature or mechanical stress. This study 

follows the creation of one such temperature-sensitive SMP, benzyl acrylate-benzyl 

methacrylate-1,12-dodecanediol dimethacrylate, which can be compressed to remove all 

surface topography and at 37˚C shows nearly complete recovery within 8 hours. The 

examination of pre-osteoblast MG63 cell behavior on these SMPs (with and without 

compression) by DNA and ELISAs indicates MG63 cells can be 'clued' to proliferate and 

then to rapidly mature. Similar topography was created on polymers of varied stiffness to 

determine if there is correlation between substrate stiffness and topography on osteoblast 

maturation. Overall, this thesis gives insight into potential benefits of SMP use in 

biomedical applications. In addition, it demonstrates the potential issues concerning the 

use of polymers to achieve a desired cell response. 
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CHAPTER 1 

INTRODUCTION 

  

1.1 Motivation 

 Millions of Americans require implanted orthopaedic implants every year, a 

number that is only expected to increase [1]. The global market for orthopaedic implants 

is growing rapidly, with the estimated cost reaching over $46 billion by 2017 [2]. While 

as a whole orthopaedic implants tend to be success stories, there is particular care that 

needs to be given to those patients for whom this is not the case. Factors such as age, 

diabetes, smoking, arthritis, and osteoporosis contribute to implant failures, which lead, 

in the best-case scenario, to costly, potentially risky revision procedures [3,4]. It is these 

patients who would benefit the most from improved osseointegration of implanted 

devices.   

1.2 Specific Aims 

 The objective of this thesis was to develop, characterize, and implement a novel 

shape-changing polymer to understand the dynamic effect of topography on osteoblast 

differentiation. Our central hypothesis is that smooth topography will allow for increased 

cellular attachment and proliferation of preosteoblasts, and dynamic roughness will 

enhance differentiation of both preosteoblasts and mesenchymal stem cells (MSCs) into 

osteoblasts. This hypothesis is based on previous literature exploring the role of 

topography and osteoblast differentiation on the current gold standard for 
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osseointegration, titanium [3, 8, 9]. The overall objective was evaluated by testing our 

central hypothesis in the following specific aims, summarized in Figure 1.1: 

Specific Aim 1 

 Develop and characterize microrough shape-memory polymers that respond to 

homeostatic temperature. The hypothesis for this aim is that a novel shape-memory 

polymer network is able to change from smooth to rough topography at homeostatic 

temperature over varying time courses dependent on monomer concentration. This aim is 

supported by Chapter 3. 

Specific Aim 2 

 Determine if the dynamic recovery of SMPs has an effect on preosteoblast MG63 

cell attachment, proliferation, and differentiation into osteoblasts. The hypothesis for this 

aim is that SMPs with smooth topography will increase cellular attachment and 

proliferation whereas SMPs with increased roughness will cause increased osteoblastic 

response. This aim is supported by Chapter 3. 

Specific Aim 3 

 Determine if stiffness and roughness has an effect on MG63 cell differentiation 

into osteoblasts. The hypothesis for this aim is that addition of surface roughness to 

Figure 1.1. Relationship of each specific aim in this research 
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known MA:MMA polymers at varied stiffnesses will change MG63 response to stiffness. 

This aim is examined in Chapter 4. 
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CHAPTER 2 

BACKGROUND 

 

2.1 Shape-Memory Polymers 

2.1.1 Development 

 Shape memory polymers (SMPs) have existed in some form or another since the 

1960s, when heat-shrink tubing for cables first came about, then in the 1980s they were 

picked up for automotive use. Polymers, in comparison to metals, are easy to fabricate 

and resilient in an aqueous environment [5]. SMPs are a class of ‘smart’ polymers with 

the ability to change shape via an environmental stimulus, such as temperature, 

electricity, or mechanical force [6-9].  The polymer can be heated to above its glass 

transition temperature (Tg), compressed or stretched to percent strains in the hundreds, 

and cooled under such conditions to keep that deformed shape until a time when it 

receives enough energy to return to its original shape (typically via an increase in 

temperature). This is true not only for the bulk of the polymer but also for its surface 

features, down to the nanoscale level [10]. Recovery rates depend on the Tg, which is 

dependent on monomer and crosslinker concentrations, the deformation temperature (Td), 

and the recovery temperature [11,12].  

2.1.2 Use in biomedical engineering applications 

 It wasn’t until the 90s and early 2000s that research with SMPs began to wander 

into the realm of biomedical uses, starting with stents and self-tying sutures [13,14]. 

Because SMPs can be compressed, twisted, or folded such that their temporary shape can 

be much smaller than their recovered shape, they are ideal for minimally invasive 

surgery. SMPs have been studied for blood clot removal [15,16], tooth removal [17], 

cardiac valves [18], neural probes [19], and biomedical microelectromechanical systems 
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(bio-MEMS) [20]. As SMPs can be composed of biodegradable polymers, studies have 

also looked at using them for temporary occlusion [21], and there is to this day still 

research into self-tying sutures [22].  

2.1.3 Temperature-sensitive copolymers: structure and synthesis 

 For this research we have primarily chosen to work with the monomers benzyl 

acrylate (BZA) and benzyl methacrylate (BZMA) and crosslinker 1,12-dodecanediol 

dimethacrylate (DDDMA), for a number of reasons. First, polymer networks created 

from these monomers have excellent toughness, even in an aqueous environment [19]. 

Second, the only chemical difference between BZA and BZMA is the addition of a 

methyl group on the second carbon, and while this creates the gap in Tg that allows 

tailoring around homeostatic temperature (Figure 2.1), it also limits the fluctuations in 

surface chemistry as the monomer ratio changes. Tg is crucial to an SMP as it directs how 

well an SMP will maintain its shape at any given temperature, and at which point the 

SMP begins to recover [6,23]. Finally, the addition of DDDMA as the crosslinker creates 

Glass Transition Temperature
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T g
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Figure 2.1. Effect of BZA concentration and water submersion on glass transition 
temperature. The increase of benzyl acrylate content decreases the glass transition 
temperature, the effect of water is to decrease the Tg by two degrees Celsius, and there 
is no difference in Tg between samples soaked for 24h or 7 days. (n=3) 
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a network whose rubbery modulus (Er) can be tailored as well, anywhere from 1 to 50 

MPa with up to 50% DDDMA (Figure 2.2, see also Figure 3.2). The concentration of 

crosslinker is also important to an SMP’s recovery [11,23]. Ultimately, for a large portion 

of the studies done a concentration of 30% BZA 65% BZMA and 5% DDDMA was used, 

as this composition had a Tg close to our target temperature of 37˚C (see Chapter 3). 

 

2.2 Osteoblast Differentiation 

2.2.1 Initial stage 

 Osteoblasts, or bone-producing cells, begin their journey as MSCs. The complete 

package as to what drives an MSC towards the osteoblastic lineage is not known, but 

Figure 2.2. Effect of crosslinker concentration on glass transition temperature and 
rubbery modulus. Glass transition temperature was found to be linearly related to % 
crosslinker and rubbery modulus exponentially related. (n=3) 
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what is known is that the first stage after lineage commitment is proliferation of pre-

osteoblasts, and the upregulation of bone morphogenetic proteins (BMPs), activation of 

Wnt and Notch signaling, as well as Hedgehog, to produce the transcription factors 

Runx2 and Osterix [24,25]. During this phase of proliferation, extracellular matrix 

(ECM) proteins such as type I collagen, fibronectin, and transforming growth factor β 

(TGFβ) are upregulated [24]. This lays the foundation for the maturation of the matrix 

and eventual mineralization. Proliferation begins to slow and ultimately stops when 

further differentiation occurs. 

2.2.2 Later stages 

 As the ECM matures, its change helps provide feedback to the cell to further its 

maturation via the reception of osteopontin and fibronectin, and the cell begins to 

produce more alkaline phosphatase (ALP) specific activity [24,25]. Next, ALP activity 

begins to decline and the production of osteocalcin and calcium deposition/accumulation 

occurs [24]. Finally, an osteoblast reaches terminal differentiation as an osteocyte. This is 

all in tandem with its counterpart, the osteoclast, which are derived from hematopoetic 

stem cells.  

2.2.3 Topographical influence on maturation 

 Many properties of materials influence cell fate, including surface chemistry and 

topography, and bulk mechanical and electrical properties [26-30]. While work continues 

to advance our understanding of the underlying mechanisms of how cells sense their 

physical, chemical, and mechanical environment, much still remains a mystery. Previous 

work has shown an inverse correlation of attachment of osteoblast-like cells on increasing 

microrough titanium surfaces but a positive correlation in differentiation into mature 
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osteoblasts [4,31,32]. According to these studies, a flatter, smoother topography allows 

better cell attachment and proliferation while microrough topography allows improved 

differentiation as indicated by an increase in alkaline phosphatase specific activity, and 

secreted osteocalcin levels. The incorporation of rough topography has also been shown 

to increase bone-to-implant contact in vivo, which in turn leads to improved 

osseointegration over smoother topography [33]. However, metal implants are expensive 

and prone to corrosion, and modification of the surface can change its chemistry, and 

wettability, drastically. This was another reason why the work here was done via 

polymers.  
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CHAPTER 3 

CHANGE IN SURFACE ROUGHNESS BY DYNAMIC SHAPE-

MEMORY ACRYLATE NETWORKS ENHANCES OSTEOBLAST 

DIFFERENTIATION1 

 

3.1 Introduction 

 The cues a cell receives from its external environment, be they mechanical, 

topographical, or chemical, dictate its fate [30,35]. Studies looking at factors such as 

surface geometry [27,36], stiffness [26,37], and microstructure [38,39] reinforce the 

importance of understanding how cells interact with their physical environment.  Cells not 

only sense structural and mechanical cues, but also respond to them by altering their 

environment through production of extracellular matrix and release of autocrine and 

paracrine factors. Smart materials use these properties to optimize cellular response, 

thereby controlling release of bioactive factors [40], creating room for proliferation [41], 

promoting differentiation of desired phenotypes [42], or causing cells to undergo apoptosis 

[43].  

 Microscale surface roughness has been shown to have a significant influence on 

implant osseointegration as evidenced by increased bone-to-implant contact and pullout 

strength compared to smooth surfaced implants[44]. In vitro studies indicate that this is 

                                                 

 
 
1 Chapter adapted from [34] 
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due in part to enhanced osteoblast differentiation, demonstrated by an increase of 

phenotype-specific osteoblast lineage markers [38,39,44,45]. In addition, osteoblasts 

produce higher levels of osteogenic factors, including bone morphogenetic proteins 2, 4, 

and 7 (BMP2, BMP4, BMP7) and angiogenic factors, including vascular endothelial 

growth factor (VEGF) and basic fibroblast growth factor (FGF2), as well as factors that 

modulate osteoclast activity, including osteoprotegerin (OPG) and transforming growth 

factor beta-1 (TGFβ1) [4,46-48]. 

Previous work in our lab and others has shown an inverse correlation between 

attachment and proliferation of osteoprogenitor cells and increasingly microrough titanium 

surfaces (that is, as roughness increases attachment decreases); in contrast, there is a 

positive correlation of surface microroughness with osteoblast differentiation and 

maturation (that is, as roughness increases, differentiation and maturation increase) 

[4,31,32]. These observations led us to hypothesize that an ideal osteogenic material would 

have a smooth surface to ensure adequate initial attachment and proliferation of osteoblast 

progenitor cells, but provide a time-dependent shift to a microstructured topography to 

support osteoblast differentiation and maturation.  To address this hypothesis, we 

capitalized on the unique properties of shape-memory polymers (SMPs).  

SMPs are a subclass of smart materials that have the ability to “memorize” their 

original shape through covalent or physical crosslinking. They can be deformed and stored 

in a temporary shape by heating the polymer beyond its glass transition temperature (Tg), 

and then cooled back down past their Tg. Various types of triggers can then cause SMPs 

to recover back to their original shape, including temperature, force, water, or electricity 

[6-9]. SMPs are being explored for a variety of clinical applications including self-tying 
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sutures [13], soft tissue fixation, occlusion of aneurysms [49,50], and drug delivery [51]. 

SMP networks can also exhibit other functionalities including degradability [52-54] or high 

toughness for use in load-bearing implants [55,56]. These clinical applications leverage the 

shape memory response to undergo a bulk or macro-scale shape change. There have been 

few reports of SMPs whose shape recovery is retained at the micro-scale at the material’s 

surface [57]. 

 The objective of this study was to determine if a time-dependent transition from a 

smooth to rough microtopography would facilitate osteoblast proliferation without 

negatively impacting the effects of microtexture on differentiation. To do this we 

developed and characterized an SMP with the mechanical properties that would allow a 

temporal surface change from smooth to rough under in vitro cell culture conditions and to 

evaluate effects of its shape memory recovery on osteoblast proliferation and 

differentiation in comparison to static, microrough surfaces. An acrylate copolymer system 

was selected that permitted independent tailoring of Tg without varying surface chemistry.  

Extensive characterization of acrylate monomers in our laboratory identified a number of 

potential polymer networks with Tg’s that could be tuned to body temperature by changing 

the ratio of monomers and crosslinker [58]. This information, coupled with the observation 

that MG63 human osteoblast-like cells respond better to particular elastic moduli [37] 

under certain surface chemistries, led to our identification of benzyl acrylate and benzyl 

methacrylate as a suitable SMP network to explore mechanisms behind cellular interactions 

to topographical cues. Rough topographies that mimic those found on clinically-used 

titanium surfaces were created using soft lithography techniques. The osteogenic response 
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on these surfaces was assessed in MG63 cells cultured on both static and dynamic SMP 

networks. 

3.2 Materials and Methods 

3.2.1 Material fabrication and synthesis of samples 

 Benzyl methacrylate (BZMA), benzyl acrylate (BZA), and 1,12-dodecanediol 

dimethacrylate (DDDMA) were obtained from Sigma-Aldrich (St. Louis, MO) and used 

as received.  2,2-dimethoxy-2-phenylacetophenone (DMPA, Sigma-Aldrich) was used as 

the photoinitiator. Dow Corning Sylgard 184 (Fisher Scientific, Pittsburgh, PA) was used 

to make polydimethylsiloxane (PDMS) molds. Titanium discs with different surface 

roughnesses were donated by Institut Straumann AG (Basel, Switzerland) and have been 

described in detail previously [31,59].  

PT discs were machined (smooth). In addition, PT discs were either acid etched (A) 

resulting in a mesoscale texture or were grit blasted (GB) resulting in a microtexture. To 

fabricate the SMP disks, the base and curing agent from the PDMS kit were mixed at a 

ratio of 10:1, poured over 15mm PT, A, and GB discs and cured at 150°C for 10 min.  At 

that time, PDMS molds were peeled off and edges were trimmed with a razor blade (Fig. 

3.1a-e).  

Figure 3.1 Schematic of disc fabrication. a) Original titanium discs set on glass slide, 
surrounded by aluminum foil; b) mixed PDMS is poured over the titanium discs and cured 
at 150 °C for 10 min; c) resultant PDMS mold after peeling and discs are removed; d) 
PDMS mold in-between glass slides for curing (see methods); e) resultant discs with excess 
polymer. 
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 Effects of the cross-linker on cell viability were tested using SMP disks fabricated 

using co-monomer solutions created by combining various weight ratios of DDDMA 

crosslinker with a 3:6.5 ratio of BZA:BZMA, and 0.5 wt% DMPA. Crosslinker 

concentrations of 1, 5, 25, and 50 wt%. Based on the results, 5 wt% DDDMA was chosen 

for subsequent experiments. To fabricate the disks, each solution was mixed manually in a 

glass vial and injected using a glass pipette between two glass slides separated with two 

glass spacers (thickness = 1 mm). The sheets were placed in a UV chamber (UVP, Model 

CL-1000L Ultraviolet Crosslinker, Upland, CA; λ=365 nm; energy = 2000 x 100 μJ/cm2) 

for 45 min. The glass slides and polymer sheets were post-cured for 90 min at 90°C.  

 Polymer discs for the dynamic surface studies were photo-polymerized using the 

same UV chamber as above, with a PDMS mold of the titanium surfaces (PT, A, or GB) 

on the bottom glass slide, without glass spacers, and the top glass slide carefully slid over 

the top of the PDMS to create a seal. After post-cure, excess polymer was snapped off of 

discs and the edges lightly sanded prior to soaking in distilled water for 3 days at 37°C, to 

remove excess monomer, after which the discs were dried overnight. Discs were then 

sterilized by UV light (λ=254 nm) for 90 min. 

3.2.2 Swelling characteristics 

 Percent weight change, volume change, and swelling ratio were 

determined at 1 and 7 days. Samples were measured and weighed prior to immersion in 

phosphate buffered saline (PBS; Sigma-Aldrich), at 1 day and 7 days after immersion, 

and after 24 hours of drying under vacuum. Water content was determined from change 

in weight % by %w =   ( ).  Similarly, the volume change was 
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expressed by %v =   ( ). Finally, the swelling ratio was simply 

the wet weight normalized by the dry weight (n=3). 

3.2.3 Thermomechanical testing 

 Dynamic mechanical analysis (DMA) in tensile loading was used to determine the 

Tg and rubbery modulus of the networks (TA Q800 DMA, Newcastle, DE). Rectangular 

samples (1 x 5 x 15 mm3) were laser cut from polymer sheets and their edges were sanded 

using grit paper. The samples were thermally equilibrated at -75°C for 2 min and then 

heated to 200°C at a rate of 5°C/min. Testing was performed in cyclic strain control at 

0.2% strain with a preload force of 0.001 N and a force track setting of 150%. Tg was 

defined as the peak of the tan delta curve, and the rubbery modulus was taken 20°C beyond 

the lowest point in the rubbery plateau (n=3). 

 Differential scanning calorimetry (DSC) was also used to determine if submersion 

for 7 days would affect the Tg of the networks (TA Q100 DSC, Newcastle, DE). Samples 

were weighed (average mass between 10 and 14 mg) prior to testing. Samples were 

equilibrated at -80°C and subsequently heated to 200°C at a rate of 5°C/min. The Tg was 

denoted as a step change on the DSC curve, indicating a second order endothermic 

transition (n=3). 

3.2.4 Surface characterization 

 Surface wettability was determined by performing contact angle measurements 

using the sessile drop method on a Ramé-hart Model 250 goniometer (Mountain Lakes, 

NJ). A 2 μL drop of deionized water was dropped onto the disc surface, and the contact 

angle between the side of the drop and the polymer surface was measured using a camera 
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and DROPimage software (Mountain Lakes, NJ). Five measurements per disc were taken 

on three discs of each roughness. 

 Elemental analysis was performed by X-ray photoelectron spectroscopy (XPS) on 

a Thermo K-alpha XPS (Thermo Scientific, Waltham, MA) under high vacuum (5 < 10-7 

Torr) using Al Kα radiation with a pass energy of 200 eV for survey scans and 50 eV for 

elemental scans, a 400 μm spot size, and 50 ms dwell time. Peak assignments and their 

corresponding area were determined using Advantage Data System (Thermo Scientific). 

Survey scans were done in duplicate and elemental scans in triplicate on three spots per 

disc for two separate discs of each roughness.  

 Surface roughness for both titanium and polymer discs was evaluated by laser 

scanning microscopy (LSM) and profilometry. A Zeiss LSM 710 (Zeiss, Jena, Germany) 

at 20x magnification was used to scan areas of 500x500 μm2 with a 100 μm cutoff 

wavelength to determine average surface area roughness (Sa) and height (Sz). Three scans 

per disc were performed on three separate discs of each roughness and material type.  

Surface morphology was examined by scanning electron microscopy (SEM). 

Polymer discs of each roughness were coated with a thin layer of gold with a Technics 

Hummer V Gold Sputterer and imaged using a Hitachi S-4700 FE-SEM (Hitachi High 

Technologies America, Gaithersburg, MD). Ti disc scans were performed at 10 kV and 

coated polymer discs at 5 kV. 

3.2.5 Compression 

 SMP-programmed polymer discs with smooth surface topographical features were 

created via compression on an MTS Insight equipped with a 2 kN load cell, Testworks 4 

programming system and a thermal chamber to control the environmental temperature. The 
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sample was loaded onto an aluminum constraint device of 15 mm in diameter on top of a 

compression platen inside the thermal chamber, and the top compression platen was 

lowered until just touching the top of the disc. To minimize artifacts induced from the 

platen surface, smoothed aluminum foil was placed over the top platen. The sample was 

then heated to a temperature of 90°C and allowed to equilibrate for 15 minutes prior to 

compression. The top platen was lowered at a speed of 1 mm/min until 35% strain was 

reached, as determined by the crosshead position. Data was acquired at 10 Hz. Samples 

were sputter coated with gold and imaged with a JEOL LV-5610 SEM (JEOL Ltd., Tokyo, 

Japan) before and after compression at 5 kV (n=2). 

3.2.6 Surface recovery 

 The free strain recovery of the programmed polymer surfaces was evaluated by 

placing the polymer discs in PBS at 37°C. Samples were removed at 1h, 2h, 3h, 4h, 12h, 

24h, and 48h to have their roughness measured using LSM. A Zeiss LSM 710 with 

settings as described above was used to determine Sa. Three scans were performed per 

disc on three separate discs at each time point.  

3.2.7 Cell culture 

 Human MG63 osteoblast-like cells (ATCC, Manassas, VA) were cultured in 

Dulbecco’s modification of Eagle’s medium (DMEM, Cellgro, Manassas, VA), 10% fetal 

bovine serum (Hyclone, Waltham, MA), and 1% penicillin-streptomycin (Invitrogen, 

Carlsbad, CA) at 37°C, 5% CO2, and 100% humidity. To overcome the buoyancy of the 

polymer discs, CellCrown polymer inserts (Scaffdex, Finland) were used to keep the discs 

at the bottom of the cell culture wells. Depending upon the experiment, cells were plated 

onto one of several surfaces: tissue culture polystyrene (TCPS), titanium discs (Ti PT, Ti 
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A, Ti GB), static polymer discs with three different topographies (pPT, pA, pGB), or 

dynamic polymer discs with programmed recovery of the grit-blasted surface (dyn pGB). 

Cells were plated at a density of 20,000 cells/cm2 and cultured for 24 hours. Media were 

changed at that time. For some experiments, cells were either harvested or were cultured 

for an additional 48 hours. Each variable was tested in 6 independent cultures in each 

experiment. 

3.2.8 Static disc cellular response analysis 

 To assess any effects of the polymer on cell viability, MG63 cells were cultured on 

TCPS and smooth co-polymer discs, varying the crosslinker content. At 1 day and 7 days 

post-plating, cell viability was determined by measuring the reduction of resazurin using 

the Alamar Blue assay (AbD Serotec, Raleigh, NC) and by measuring cell metabolic 

activity using the MTT assay (Sigma-Aldrich). To assay effects of the polymer on cell 

response, conditioned media were collected 24 hours post-confluence on TCPS and 

osteocalcin levels measured by radioimmunoassay (Biomedical Technologies Inc., 

Stoughton, MA). Levels of osteoprotegerin (R&D Systems) and vascular endothelial 

growth factor (VEGF) (R&D Systems) in the conditioned media were measured by ELISA 

according to the manufacturer’s instructions, as described previously [1,2]. Cell layers 

were lysed and DNA, alkaline phosphatase specific activity, and protein levels were 

measured in the lysate (n=6). Alkaline phosphatase specific activity was normalized to total 

protein content of the cell layer lysates (BCA Protein Assay, Thermo Fisher, Pittsburgh, 

PA), and levels of secreted factors in the conditioned media were normalized to DNA 

content (Quant-iT™ PicoGreen dsDNA Assay, Life Technologies, Carlsbad, CA). 

3.2.9 Cell morphology 
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To examine the effect of dynamic surface roughness, MG63 cells were cultured 

on compressed SMP surfaces, and on smooth and rough static surfaces without 

compression as control, and cell morphology was examined by SEM and LSM. For SEM, 

cells were plated as described and cultured for 3 h, 6 h, 12 h, 24 h, and 48 h. At each time 

point, the media were removed, and the samples were rinsed three times with PBS to 

remove excess media. Samples were fixed with Karnovsky’s fixative (Electron 

Microscopy Sciences, Hatfield, PA) for 24 h at room temperature. After fixation samples 

were freeze-dried for 48 h. Samples were sputter coated with gold (Hummer V Gold 

Sputterer, Technics) and imaged using either a Hitachi S-4700 FE-SEM with an SE2 

detector (Hitachi High Technologies, Schaumburg, IL) or JEOL LV-5610 SEM (JEOL 

Ltd., Tokyo, Japan) (n=2). For LSM, MG63 cells were plated as described and cultured 

for 2h, 4h, 6h, 8h, 12h, and 24h. At each time point, the media were removed and the 

samples rinsed twice with warmed PBS. Samples were fixed with Karnovsky’s fixative 

overnight at 4 °C, washed three times with PBS, permeabilized with 0.1% Triton X-100 

for 15 min, washed again with PBS, and incubated for 20 minutes in the dark with 

Hoescht for nuclear staining (Life Technologies, 1:1000) and phalloidin for f-actin 

staining (Alexa Fluor 633, 1:50, Life Technologies). Images were taken on a Zeiss LSM 

710 microscope at 20x magnification (n=2). 

3.2.10 Dynamic disc cellular response analysis 

At 1 day and 3 days post-plating, conditioned media were collected and levels of 

osteocalcin (Biomedical Technologies Inc.), osteoprotegerin, VEGF, and FGF2 in the 

conditioned media were measured by ELISA as described previously [23, 24]. MG63 cell 

layers were lysed and DNA, alkaline phosphatase specific activity, and protein levels 
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were measured in the lysate as described above. In addition, to assess whether the effects 

of the SMP substrates were maintained over time, we examined cultures at 7 and 10 days 

post-plating. 

3.2.11 Statistical analysis 

 Mean +/- standard deviation was calculated for all measurements described in 

Sections 3.2.2, 3.2.3, 3.2.4 and 3.2.6. Experiments described in Section 3.2.7 and 3.2.8 

were performed at a minimum in duplicate and data shown are from a representative 

experiment. For cellular studies, values given are the mean ± SEM of six individual cultures 

per variable. Experiments were repeated at least five times in order to validate observations 

with the exception of supplemental experiments. Treatment over control ratios were 

determined for these studies. Results examining longer term behavior of cells cultured for 

7 and 10 days are from one of two experiments, each experiment having an N=6 

independent cultures per variable.  In all cases, data were analyzed via analysis of variance 

(ANOVA) and when differences were detected, by post hoc analysis using Bonferonni’s 

modification of Student’s t-test. Significance was determined as p < 0.05. 

3.3 Results 

3.3.1 Material Characterization  

In order to achieve polymer networks with the appropriate moduli and shape 

recovery behavior under in vitro conditions, we first characterized the effect of 

crosslinker concentration on water content and thermomechanical properties (Fig 3.2A). 

There was negligible percent weight or volume change after seven days in PBS for all 

groups except the 1% crosslinker, which had approximately 2% volume change. These 
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results indicated that the networks did not swell when placed in an aqueous environment. 
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Figure 3.2 Characterization of networks. A) Weight percent and volume percent 
of 1-50% DDDMA crosslinked networks. B) Dynamic mechanical analysis of 1-
50% DDDMA crosslinked networks (peaks are tan-δ, curves representative). C) 
Differential scanning calorimetry to determine Tg of both dry and wet (1 day and 7 
days) 30:65:5 BZMA:BZMA:DDDMA networks. 
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Increasing crosslinker concentration did not affect Tg until 25% weight content at which 

point it began to act as a primary component to increase the Tg (Fig. 3.2B). In contrast, 

the differences in Er were apparent even between 1% and 5%, increasing the modulus 

tenfold.  For the remaining materials characterization and experiments, a 5% crosslinking 

concentration (30% BZA, 65% BZMA, 5% DDDMA) was chosen as this concentration 

allowed the copolymer to have the appropriate modulus and failure strain needed to 

successfully undergo the shape memory cycle [6].  DSC showed a slight decrease in Tg 

after soaking for 1 day but no change after that up to 7 days for wet samples (Fig. 3.2C).   

Like GB Ti, pGB samples showed a significant increase in roughness and peak-to-

valley height over pPT and pA (Fig. 3.3A). There was no significant difference in 
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Fig. 3.3 Characterization of shape-memory polymer networks. A) Average 
roughness and peak-to-valley height for titanium discs of varied roughness and 
corresponding 30:65:5 BZA:BZMA:DDDMA discs. p<0.05 *=vs all PT; #=vs all 
A; $=vs pPT. B) Confocal images of titanium discs and corresponding 30:65:5 
BZMA:BZA:DDDMA discs. Scale bar = 100 μm. C) Concentration of surface 
elements and corresponding contact angle on 30:65:5 BZA:BZMA:DDDMA discs 
of varied roughness.  
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roughness between the Ti PT and pPT surfaces, Ti A and pA surfaces, nor Ti GB and 

pGB surfaces, indicating successful transfer of topography onto the polymer.  This was 

confirmed by confocal (Fig. 3.3B) and SEM imaging (Fig. 3.4). XPS analysis showed 

that the polymer surfaces had equivalent carbon and oxygen concentrations with some 

contamination of silicon from processing (Fig. 3.3C).  The polymer surfaces had similar 

contact angles of 93-100 degrees.  

Cellular response to static surfaces 

Overall, growth of MG63 cells on smooth co-polymer surfaces was similar to 

growth on TCPS (Fig. 3.5A). At one day post-plating, there was less metabolic activity in 

wells with polymer surfaces compared to TCPS, but by day 3, cultures on all surfaces had 

comparable AlamarBlue staining and at day 7, only cultures growth on copolymer made 

with 50% crosslinker had reduced metabolic activity based on this assay.  In contrast to 

Polymer 500x 
B Titanium A 500x 10k 10k

Figure 3.4 SEM images of titanium (A) and polymer (B) discs. Scale bar = 50 μm 
for 500x images, 1 μm for 10kx images. 
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AlamarBlue, MTT analysis indicated reduced cell viability on all polymer surfaces 

compared to TCPS at day 3.  However, by day 7, there was a dose-dependent increase in 

MTT on the polymer surfaces: MTT on 1% crosslinker was less than on TCPS; activity 

on 5% crosslinker was comparable to TCPS; on 25% crosslinker it was greater than 

TCPS; and MTT on 50% crosslinker was higher than on 25%.   

When cultures were grown on polymers with 5% crosslinker, surface roughness did 

not affect DNA content (Fig. 3.5B), alkaline phosphatase specific activity (Fig. 3.5C), or 

production of OPG (Fig. 3.5D) and VEGF (Fig. 3.5E). However, there was a significant 
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Figure 3.5 MG63 behavior on static 30:65:5 networks. A) Cell viability assays 
confirming non-cytotoxicity of 1-50% DDDMA crosslinked networks. B) DNA 
quantification. C) Alkaline phosphatase specific activity. D) Level of secreted protein 
osteoprotegrin. E) Level of secreted protein VEGF. F) Level of secreted protein 
osteocalcin. p<0.05 #=vs pA (Average of 5 experiments) 
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increase in osteocalcin in cultures grown on pGB compared to cells cultured on both pPT 

and pA surfaces (Fig. 3.5F).  

3.3.2 Shape memory characteristics    

Confocal microscopy revealed that the roughness of the shape memory 

programmed polymer networks of pGB decreased by 80% compared to their initial 

roughness pre-compression (Fig. 3.6A). Percent original roughness was calculated as 

% Original Roughness
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0

50

100

A 

B 

Figure 3.6 Recovery of roughness on shape-changing 30:65:5 polymer networks. A) 
Recovery of original roughness. B) Confocal images of pre- and post-compression 
dynamic 30:65:5 networks recovering at 37 °C in PBS. Scale bar = 100 μm. 
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(measured roughness/original roughness)*100. Upon placement of the programmed pGB 

discs in PBS at 37°C, the samples exhibited 100% recovery within 24 hours with the 

majority of recovery occurring within the first 8 hours. Compression effectively removed 

peaks and filled most valleys, as seen by LSM images taken prior to compression (Fig. 

3.6B, “Pre-compression”) and after compression before recovery (Fig. 3.6B, “0h”). After 
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12h 24h 

0h Pre-compression 

Static 

Static Dynami
Dynamic 2h 
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Static 

Static Dynamic 

Dynamic 6h 
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Figure 3.7 Cell morphology on 30:65:5 polymer networks. A) SEM images of pre- and 
post-compression (0h) and MG63 cell morphology on dynamic 30:65:5 networks. Scale 
bar = 10 μm. B) Confocal images of MG63 cells on static and dynamic networks. Nuclei 
are stained with Hoescht (green) and actin with phalloidin (blue). Red is 
autofluorescence. Scale bar = 50 μm. 
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3 hours in PBS at 37°C, some recovery was evident on the surface (Fig. 3.6B, “3h”) 

which increased after 6 hours and 12 hours (Fig. 3.6B, “6h”, “12h” respectively). By 24 

hours full recovery had occurred (Fig. 3.6B, “24h”). 

3.3.3 Cellular response to dynamic surfaces 

No differences in MG63 cell morphology were observed in SEM images of 

dynamic pGB surfaces at t=0 (Fig. 3.7A, “Pre-compression”, “0h”). Cells remained well 

spread out within 12h (Fig. 3.7A, “3h”, “6h”, “12h”) over the first 24 hours post plating 

(Fig. 3.7A). LSM on both static and dynamic SMPs at 2, 6, 12, and 24 hours post-plating 

showed that morphology of cell nuclei and actin filaments was unchanged (Fig. 3.7B). 

For the initial 8 hours, more cells were observed on the dynamic surfaces than on static 

ones (data not shown). 

Figure 3.8 MG63 behavior on 30:65:5 networks (1 day and 3 day). A) DNA 
quantification. B) Alkaline phosphatase specific activity. C) Level of secreted osteocalcin. 
D) Level of secreted osteoprotegerin. E) Level of secreted VEGF. F) Level of secreted 
FGF2. p<0.05 *=vs TCPS; #=vs pPT; $=vs pGB; +=vs 1 day. 
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Attachment of MG63 cells was reduced on static and dynamic polymer substrates 

compared to TCPS, but was not affected by surface topography. At 1 day post plating, 

there was significantly less DNA in cells grown on static pGB, static pPT, and dynamic 

pGB surfaces compared with TCPS with no differences to each other (Fig. 3.8A). DNA 

content in MG63 cells on static surfaces increased on day 3 compared to day 1, but the 

amount of DNA on the dynamic surface (dyn pGB) decreased, and cells grown on all 

polymer surfaces had lower DNA content than those grown on TCPS.  

Alkaline phosphatase specific activity was reduced on the polymer disks 

compared to TCPS but was comparable across all polymer groups at 1 day (Fig. 3.8B). 

Activity increased in cultures grown on all substrates at 3 days. This increase was 

greatest on TCPS compared to pPT and pGB. Cells grown for 3 days on dyn pGB saw the 

lowest increase in enzyme activity. Osteocalcin levels in the conditioned media at day 1 

was comparable in all groups (Fig. 3.8C). Only cells on dyn pGB group exhibited an 

increase in osteocalcin at 3 days. Production of osteoprotegrin was comparable in all 

cultures at day 1 (Fig. 3.8D). At day 3, cells on dyn pGB exhibited the greatest increase 

in osteoprotegerin in their conditioned media; cells on static pPT and pGB also exhibited 

increased osteoprotegerin compared to TCPS, but levels were less than on dyn pGB. 

MG63 cells grown on the static pPT and pGB surfaces produced more VEGF at 1 day 

than cells on TCPS or dyn pGB (Fig. 3.8E). All groups had increased VEGF on day 3, 

with the highest amounts seen from cells cultured on the static pPT and pGB surfaces 

(Fig. 3.8E).  The dyn pGB group had statistically lower amounts of VEGF compared to 

the static surface groups but was not statistically different than the group cultured on 

TCPS. Another angiogenic growth factor, FGF2, was greatest in static pPT cultures on 
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day 1. At 3 days the static pPT group had decreased but FGF2 continued to increase in 

cultures grown on dyn pGB surfaces (Fig. 3.8F). 

To confirm the effect of the dynamic shape memory recovery, we repeated the 

previous experiment five times and evaluated the results by normalizing the static pGB 

and dyn pGB groups to the static pPT group. At 3 days post-plating the cells that were 

cultured on the dyn pGB surfaces had statistically less DNA than those grown on all 

static surfaces (Fig. 3.9A), and while cells cultured on both static and dynamic surfaces 

had similar amounts of alkaline phosphatase specific activity (Fig. 3.9B), cells grown on 

dyn pGB surfaces had twice as much osteocalcin levels (Fig. 3.9C) and one and a half 

times as much osteoprotegerin (Fig. 3.9D). There were no statistical differences in the 

levels of VEGF and FGF2 between the cell groups cultured on the static and dynamic 

surfaces (Fig. 3.9E-F).  
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Fig. 3.9 MG63 cell behavior on 30:65:5 networks (static and dynamic). A) DNA 
quantification. B) Alkaline phosphatase specific activity. C) Level of secreted 
osteocalcin. D) Level of secreted osteoprotegerin. E) Level of secreted VEGF. F) Level 
of secreted FGF2. p<0.05 #=vs pGB (Average of 5 experiments). 
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At longer time points (7 days), the dyn pGB group exhibited an increase in DNA (Fig. 

Figure 3.10 MG63 cell behavior on 30:65:5 networks (7 day). A) DNA quantification. 
B) Alkaline phosphatase specific activity. C) Level of secreted osteocalcin. D) Level 
of secreted osteoprotegerin. E) Level of secreted VEGF. F) Level of secreted FGF2. 
p<0.05 *=vs TCPS; #=vs pPT; $=vs pGB. 

Figure 3.11 MG63 cell behavior on 30:65:5 networks (10 day). A) DNA 
quantification. B) Alkaline phosphatase specific activity. C) Level of secreted 
osteocalcin. D) Level of secreted osteoprotegerin. E) Level of secreted VEGF. F) 
Level of secreted FGF2. p<0.05 *=vs TCPS; #=vs pPT; $=vs pGB. 
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3.10) but was statistically lower than the other groups at day 10 (Fig. 3.11), and at day 10 

the dyn pGB group had statistically higher levels of osteocalcin, osteoprotegrin, VEGF, 

and FGF (Fig. 3.11). 

3.4 Discussion 

 Numerous in vitro studies from our lab and others have shown that microrough Ti 

and Ti alloy surfaces promote osteoblastic differentiation of cells in the osteoblast lineage 

at the expense of attachment and proliferation.  Our results using a shape memory polymer 

system suggest that this limitation can be addressed using smart materials that provide an 

initial smooth surface to enable cell attachment and proliferation, but shift to a 

microtextured topography to stimulate osteoblast differentiation. We show that polymer 

surfaces can be generated that mimic microtextured surfaces on Ti and Ti alloys.  Under 

static conditions cell growth on the polymers is comparable to growth on TCPS, even when 

microtextured substrates are used. However, production of osteocalcin is higher on 

microtextured polymer surfaces, indicating that differentiation is enhanced.  The effects of 

surface microtopography are even more striking in cultures grown under dynamic 

conditions.  Moreover, they are time-dependent.  DNA content and alkaline phosphatase 

activity are reduced compared to static microrough cultures, but differentiation is 

stimulated based on marked increases in production of osteocalcin and osteoprotegerin.  

Taken together, our results suggest that smart materials can be developed that optimize 

time-dependent proliferation and differentiation of osteoprogenitor cells based on physical 

cues.  

To date, there have been few studies that examine the shape memory effect of 

polymer surfaces on the in vitro cellular response [60-66], and specifically, none that report 

how the shape recovery of surface topography affects osteoblast differentiation. In this 
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study, we fabricated and characterized a novel, nontoxic acrylate copolymer material that 

can be programmed to gradually increase in roughness upon exposure to in vitro 

conditions. This dynamic recovery enhances the production of osteogenic growth factors 

including osteocalcin and osteoprotegerin in as little as three days and greatly increases 

these factors at ten days. Our data also may suggest that in long term cultures, growth and 

differentiation of MG63 cells on the microtextured dynamic SMP substrates occurs in 

alternating cycles of proliferation and osteoblastic phenotypic expression. 

The composition of the copolymer was tailored such that its activation temperature 

was just above body temperature allowing for partial recovery of the surface features upon 

heating to 37°C. Monomers with hydrophobic chemistries were selected to reduce any 

swelling effects that might alter the surface topography. The overall hydrophobicity also 

allowed for a small gradual uptake in water. The few degrees decrease in the activation 

temperature (Tg) upon immersion in water matches the behavior of other polymer networks 

with similar hydrophobicity reported in previous studies [37]. The same micro-scale 

surface features as those on titanium were able to be successfully transferred onto the 

copolymer via soft lithography techniques. By compressing the surface above Tg, this 

topography could be eliminated and then 100% recovered upon heating to body 

temperature in solution. We chose grit-blasted roughness (pGB) for use in our dynamic 

studies because while it had the same chemistry as the pPT and pA discs, it produced a 

more noticeable effect on osteocalcin levels but did not have an effect on proliferation or 

other growth factors. This suggests that an acrylate copolymer’s surface topography, 

specifically the grit-blasted surface features, can influence the osteogenic response, as has 

been shown on titanium [31,32,46,47,67].  
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Once the MG63 cells were exposed to the dynamic topography, the shape recovery 

not only enhanced osteocalcin production compared to the static rough surfaces but also 

had an effect on the other growth factors. This change from smooth to rough over a 

relatively short time had an effect on osteocalcin, osteoprotegrin, and differentiation 

(shown by the decrease in cell number) at 3 days. The results at 10 days suggest this effect 

could be even more pronounced but needs to be confirmed with further studies. 

Alternatively, to have a material that undergoes shape recovery over 48 hours could lead 

to much better effects for osteoclasts, or an ‘optimal’ time frame of shape recovery with 

different cell types could result in a family of new products for various tissue regeneration 

applications. 

 The results indicate that there are two stages to the osteoblast response to the 

dynamic surface topography. During the first stage, there is no effect from the surface 

recovery of roughness on MG63 cell DNA or other factors, but in the second stage there is 

an effect attributed to surface recovery of roughness. The time during which cells were 

adhering and just beginning to proliferate was simultaneous with the recovery of the rough 

surface features – that is, roughly 8 hours. This explains why at 1 day we see no differences 

in the amount of cell DNA on the polymer surfaces, but at 3 days on the dynamic surfaces 

we have enhanced differentiation and growth factor production; by this time, cells had been 

growing on the already changed surfaces for 24 hours.  

Previous studies have suggested that acrylate copolymer networks cannot elicit a 

strong osteogenic response compared with titanium due to the effects of the surface 

chemistry [37]. The results of this present study demonstrate that MG63 cells exposed to a 

dynamic surface from smooth to rough on an acrylate-based copolymer network produce 
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a similar favorable osteogenic response typically observed on titanium, indicating that a 

temporal change in topography can override any effect due to polymer chemistry 

(preliminary data, not shown). One explanation for this is that the MG63 cells are 

undergoing a mechanical conditioning during the smooth state (in the first stage) to respond 

more during the rough state (in the second stage). Under this premise, an SMP with a 

delayed onset of recovery or a longer recovery time (for example over two or three days) 

would allow for more proliferation before inducing rapid differentiation. It remains to be 

seen whether the speed of recovery of the surface topography has an impact on the degree 

of biological response. The effect of the recovery rate could potentially be investigated in 

future studies by changing the copolymer composition and programming conditions. 

Previous published work with non-degradable SMPs has been limited to examination of 

cell alignment on surfaces that change from aligned or grooved to random[61] or 

smooth[62]. This is the first study looking at smooth-to-rough transition with topography 

known to induce osteoblast differentiation[47].   

 Our use of soft lithography combined with SMP surface programming could be 

applied to other scaffolds where it would be beneficial to transition between different 

surface structures over time. For example, aligned SMP scaffolds for neural or myogenic 

direction cell growth, or biodegradable SMP scaffolds which change on the same time scale 

as immune responses. Future in vivo studies could confirm clinical applications of this 

method.  
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CHAPTER 4 

EFFECTS OF STIFFNESS AND ROUGHNESS ON OSTEOBLAST 

DIFFERENTIATION 

 

4.1 Introduction 

 The microenvironment of a cell says much to direct it, sometimes even more so 

than the chemical clues given to it [68]. Though the specific mechanisms behind how a 

cell senses roughness or microtopography are largely unknown (compared to something 

such as stiffness), some work has been done in this area [69-72]. One study examining 

the adhesive behavior of cells when presented with varied RGD density due to 

differences in roughness and stiffness concluded that fibroblast cell attachment depended 

largely on the spacing of the ligand (roughness) and secondly on the stiffness of the 

substrate [73]. Others have claimed that for stem cells, stiffness has the greater role in 

directing differentiation [74]. Much remains unknown with respect to specifics or 

whether mechanisms to sense stiffness are shared to sense roughness.  

 The objective of this study was to determine if stiffness and roughness has an 

effect on MG63 differentiation into osteoblasts. To address this question, we first had to 

create materials of differing stiffness and roughness. We chose methyl acrylate (MA) 

methyl methacrylate (MMA) poly(ethylene glycol) dimethacrylate (PEGDMA) polymers 

due to evidence showing clear, distinct human osteoblast response (see APPENDIX A, 

[37]) and PT and GB roughness which on a different acrylate also showed responsiveness 

(see previous chapter).  

 

4.2 Materials and Methods 

4.2.1 Material fabrication and synthesis of samples 
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 Methyl methacrylate (MMA), 

methyl acrylate (MA), and 

poly(ethylene glycol) 

dimethacrylate (PEGDMA 

MW~750) were obtained from 

Sigma-Aldrich (St. Louis, MO) and 

used as received. PDMS molds 

from PT and GB discs as described 

in 3.2.1 were cut into individual 

rectangles, placed between cleaned 

glass slides, and clamped at four 

corners using mini binder clips. The weight ratio of MA to MMA was varied while the 

crosslinking concentration of PEGDMA was held constant at 10 wt% to produce four 

copolymer networks (by wt. % of MA): 18MA, 29MA, 40MA, and 72MA. 0.5 wt.% 2,2-

dimethoxy-2-phenylacetophenone (DMPA) was used as the photoinitiator (Sigma-

Aldrich). A 27-gauge needle was placed into well to allow air to eject. Solutions were 

injected into a single well (see Figure 4.1). The excess needle was removed after the well 

was filled. Approximately one to two minutes later wells were filled again as needed and 

then photopolymerized in a UV chamber (Spectrolinker XL-1500, Spectroline, Westbury 

NY; λ = 385nm) for 45 minutes. Discs in molds were then placed in an oven at 90˚C for 

90 minutes to post-cure and the mold removed once at room temperature. Discs for cell 

studies were sterilized by UV light (λ=254 nm) for 90 min, washed with sterile 

Dulbecco’s phosphate buffered saline (DPBS, Sigma-Aldrich), and incubated with 

medium used for cell culture (see section 4.2.3) for 5 minutes prior to plating. 

4.2.2. Surface characterization 

Figure 4.1 Example setup of 
MA:MMA:PEGDMA solution 
injection into mold. 
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Surface roughness was evaluated by laser scanning microscopy (LSM). A Zeiss 

LSM 710 (Zeiss, Jena, Germany) at 20x magnification was used to scan areas of 500x500 

μm2 with a 100 μm cutoff wavelength to determine average surface area roughness (Sa) 

and height (Sz). Six scans per disc were performed on two separate discs of each 

roughness and stiffness. The polymer discs were then sputter coated with gold and 

imaged with a JEOL LV-5610 SEM (JEOL Ltd., Tokyo, Japan). Ti disc scans were 

performed at 15 kV and coated polymer discs at 5 kV. 

4.2.3 Cell culture 

 Human MG63 osteoblast-like cells (ATCC, Manassas, VA) were cultured in 

Dulbecco’s modification of Eagle’s medium (DMEM, Cellgro, Manassas, VA), 10% fetal 

bovine serum (Hyclone, Waltham, MA), and 1% penicillin-streptomycin (Invitrogen, 

Carlsbad, CA) at 37°C, 5% CO2, and 100% humidity. To overcome the buoyancy of the 

polymer discs, CellCrown polymer inserts (Scaffdex, Finland) were used to keep the 

discs at the bottom of the cell culture wells. Cells were plated at a density of 20,000 

cells/cm2 for 24 hours at which point media was changed, and media changed every other 

day until 90% confluent on TCPS. At that point cells were incubated with fresh medium 

for 24 hours. Levels of osteocalcin (Alfa Aesar, Haverhill, MA) in the conditioned media 

were measured by ELISA according to the manufacturer’s instructions, as described 

previously [1,2]. Cell layers were lysed and DNA, alkaline phosphatase specific activity, 

and protein levels were measured in the lysate (n=6). Alkaline phosphatase specific 

activity was normalized to total protein content of the cell layer lysates (BCA Protein 

Assay, Thermo Fisher), and levels of secreted factors in the conditioned media were 

normalized to DNA content (Quant-iT™ PicoGreen dsDNA Assay, Life Technologies). 

4.2.4 Statistics  
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Values are given are the mean ± SEM of six individual cultures per variable. Data 

were analyzed via analysis of variance (ANOVA) and when differences were detected, by 

post hoc analysis using Bonferonni’s modification of Student’s t-test. Significance was 

determined as p < 0.05.  

4.3 Results 

 The surface topography carried to all stiffnesses well, apparent by SEM imagery 

(Figure 4.2). There were no statistical differences in roughness between the original 

titanium discs (Ti PT, Ti GB) and the resultant polymer discs (Figure 4.3), most evident 

Ti PT 18MA pPT 29MA pPT 40MA pPT 72MA pPT 

Ti GB 18MA pGB 29MA pGB 40MA pGB 72MA pGB 

Figure 4.2 SEM images of original Titanium discs and resultant MA-MMA discs. 
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in peak-to-vall ey height. MG63 cell DNA was reduced on polymer substrates compared 

to TCPS, but was not affected by surface topography (Figure 4.4). Alkaline phosphatase 

specific activity was reduced on the pGB groups compared to TCPS and pPT, however, 

this observation was not able to be reproduced.  Neither was the apparent effect of an 

increase in osteocalcin from cells cultured on the polymer substrates able to be 

conclusively repeated. 

 

4.4 Discussion 

 The data could not be repeated with respect to ALP specific activity and 

osteocalcin (the decrease in DNA was repeated, with no differences between pPT/pGB or 

the various stiffnesses, data not shown). While it is currently unknown why this occurred, 

one potential explanation is that the disc-to-disc variability was too high due to 

processing. However, we were again able to successfully transfer topography to these 

different stiffness polymers. If brought into more standard production, one could foresee 

using these unique materials to elucidate cell-surface interactions with respect to stiffness 

and roughness – for example, whether different pathways are used, similar integrins are 

involved, or if they can be completely decoupled. 
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CHAPTER 5 

CONCLUSION 

 

 The work shown here demonstrates the feasibility of SMPs for biomedical use. 

The creation of a biocompatible SMP with 100% recovery at homeostatic temperature to 

a specific topography that influenced MG63 behavior is unique in the field. Current 

works focus predominantly on cell alignment on SMPs [60-62,75-78] and macroscopic 

shape changes for minimally invasive surgery [79,80]. While examination of cellular 

differentiation has been examined on some SMPs [81] there is a severe shortage of work 

looking at how dynamic topography can influence cell behavior. Others have seen 

phenomena associated with shape-change. For example, Gong, et. al., focused on 

elongation of rat bone marrow stromal cells to guide them down a myoblastic lineage 

rather than an osteoblastic lineage [82]. The work here helps to begin to fill the large gap 

in knowledge concerning osteoblasts and dynamic topography. 

 Dynamic topography is just one way of getting cells to do what we want. Another 

approach is to use scaffolds consisting of polymers with different degradation rates, 

which can be generated using a dual coaxial electrospinning device (Haifeng Chen, 

Peking University) (Appendix B, Figure B.1). These release rates in theory could match 

an MSC’s normal progression into an osteoblast, giving a novel in vitro platform to look 

at osteogenesis in closer detail. 

 The method described in this thesis for creation of surface features on SMPs (in 

essence, soft lithography) is just one of many ways to do so. Depending on how one 

wants to influence cell behavior, one can imagine a myriad of random or specific surface 

arrangements. Other methods of creating surface features on SMPs include solvent 

casting [83] sputter coating (for wrinkles) [84] and domain-changing by stretching [85] or 

etching [86]. The incorporation of specific segments such as anti-biofouling [87], doping 



 40

with bio-relevant minerals such as hydroxyapatite [88], and further surface modification 

to include peptides known for cell homing such as E7, which has shown affinity for 

MSCs [89] could all be of benefit for SMPs in biomedical applications. In the case of 

further surface modification, however, one must take into account processing of the SMP. 

Depending on the nature of the modification, it may need to come after compression, but 

recovery of the SMP could then affect its placement on the surface – which may be 

desirable, or may not. 

 Another question that arises as this work is taken into account is the mechanisms 

by which osteoblasts sense this change in topography. How minute of a change would be 

necessary to achieve a similar outcome as one seen here? Examination of cell response to 

recovery over various timetables would be of interest, particularly since cells themselves 

exhibit some shape memory properties while undergoing division [90]. Future studies 

could also look into knockdown of specific integrins, or proteins involved in focal 

adhesion complexes or other cytoskeletal arrangements, to see what pathway(s) are at 

play [91-93]. Much is known regarding how cells sense stiffness at various levels (e.g. on 

the order of cartilage to on the order of cortical bone) but what is not known is whether 

they use similar mechanisms to sense roughness, and if so, which has more of an impact 

on cellular response – roughness, or stiffness? Do they synergize [94]? Or does the 

chemical makeup of the surface trump all [95]? 

 In conclusion, the ability to transfer rough topography onto various acrylate SMPs 

has been shown, as well as excellent recovery of rough BZA:BZMA:DDDMA networks 

under cell culture conditions. Furthermore, MG63 cells responded favorably in terms of 

quick increase in late osteoblast markers specifically on dynamic rough surfaces over 

static ones. Combinatory experiments of stiffness and roughness were unable to give 

conclusive results but warrant further investigation. Overall, the work presented here 

advances polymer chemistry for biomedical engineering applications.  
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APPENDIX A 

SUBSTRATE STIFFNESS CONTROLS OSTEOBLASTIC AND 

CHONDROCYTIC DIFFERENTIATION OF MESENCHYMAL 

STEM CELLS WITHOUT EXOGENOUS STIMULI 

 

A.1 Introduction 

Over six and a half million medical devices are implanted into Americans every 

year [96]. These devices have a wide array of mechanical, chemical, and morphological 

spectra. Many studies examining how these properties modulate differentiation of 

multipotent cells like mesenchymal stem cells (MSCs) have focused on a single lineage 

fate. Relatively little is known about how changes in the chemical and mechanical 

microenvironment of these cells might differentially modulate phenotypic expression 

along multiple lineages [97-100].  

Several reports have shown that MSCs are sensitive to substrate properties, such as 

surface roughness, stiffness, chemistry, and energy, and differentiate along specific 

lineages in response to these cues [26,99,101-104]. In vivo, implant surface properties 

including roughness, chemistry, energy, and design affect bone-to-implant contact [105-

107], in part by stimulating osteoblastic differentiation of MSCs during bone healing.  In 

vitro studies show that these material surface properties can play a role in inducing MSC 

differentiation into osteoblasts in the absence of exogenous factors or media supplements 

[108-111]. However, the majority of these studies were performed on substrates with lower 

or higher moduli range than native moduli of bone where such biomaterials generally are 

placed [99]. Moreover, few studies have examined whether the effects of stiffness and 
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chemistry are unique to osteoblastic differentiation or if other mesenchymal lineage fates 

might be induced as well. 

Cells use mechanoreceptors to detect substrate stiffness via a mechanism that 

involves integrin-dependent signaling [99]. We have shown that integrin expression in 

MSCs and osteoblasts is modulated by surface properties, with α5β1 being expressed on 

smooth titanium and titanium alloy substrates and α2β1 being expressed on microtextured 

surfaces.  Whereas α5β1 is associated with attachment and proliferation [112], α2β1 

signaling is required for osteoblast differentiation [113]. Integrin β1 has been shown to 

mediate effects of other material and environmental stimuli on cell response [114,115] and 

has been shown to play a role in chondrogenic differentiation [116,117]. 

In vivo, MSCs reside in tissues of varying stiffness and participate in tissue 

regeneration with stiffness changing as the repair tissue matures.  This suggests that cells 

at different states within a lineage may respond differentially as they commit to a specific 

fate.  To begin to examine this, we developed a series of polymer substrates with varying 

stiffness but without major changes in surface chemistry [37]. We found that a relatively 

high stiffness of 850 MPa was able to induce maturation of osteoblast-like MG63 cells. In 

the present study, we took advantage of methacrylate/methylmethacrylate polymer 

networks in which stiffness could be controlled by varying the amount of monomer, to 

investigate how stiffness mediates MSC commitment to two related lineages, osteogenic 

and chondrogenic, and compared MSC responses to those of committed osteoblasts and 

chondrocytes. 

A.2 Materials and Methods 

 Polymer synthesis. Polymer substrates with elastic moduli orders of magnitude 

apart were synthesized to examine the effects of stiffnesses in ranges beyond those 
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reported in current literature and with moduli relevant to clinical applications. To 

accomplish this, we varied the weight ratio of methyl acrylate (MA) and methyl 

methacrylate (MMA) crosslinked with 10% poly(ethylene glycol) dimethacrylate 

(PEGDMA). Copolymer solutions consisting of MA, MMA, and PEGDMA MW~750 

were obtained from Sigma Aldrich and used as received. The weight ratio of MA to 

MMA was varied while the crosslinking concentration of PEGDMA was held constant at 

10 wt% to produce four copolymer networks (by wt. % of MA): 18MA, 29MA, 40MA, 

and 72MA. 0.5 wt.% 2,2-dimethoxy-2-phenylacetophenone (DMPA) was used as the 

photoinitiator (Sigma-Aldrich). Co-monomer solutions were mixed manually and 

injected in between two 1 mm glass sheets. The samples were photopolymerized in a UV 

chamber (Model CL-1000L Ultraviolet Crosslinker; λ = 365nm) for 30 minutes. Discs 

were laser cut from the polymer sheets to fit into a well of a 24-well culture plate and UV 

sterilized for 90 minutes. 

 Mechanical testing. Tensile strain-to-failure tests to determine toughness and 

elastic modulus were performed on a universal testing machine (MTS Insight 2) using a 

2kN load cell and a strain rate of 5%/s. ASTM D632 Type IV Dogbone samples were 

laser-cut with a 20 mm gauge length and 2.8 mm gauge width, and their edges were 

sanded to remove any laser-induced defects. Samples were soaked in phosphate buffered 

saline (PBS) for 24 hours prior to testing, removed from PBS, patted with a paper towel 

to remove excess PBS, and their dimensions measured using digital calipers. Following 

this, the samples were loaded in tensile grips, submerged in a PBS bath at 37°C, and held 

at 37°C for 10 min to allow for thermal equilibration. 

 Toughness was calculated as the area under the stress-strain curve in units of 

MJ/m3. Elastic modulus was determined by calculating the slope of the linear portion of 

the stress-strain curve (n=4). Dynamic mechanical analysis (DMA) in tensile loading was 

used to determine rubbery modulus of the networks corresponding to the degree of 

crosslinking (TA Q800 DMA, Newcastle, DE). Rectangular samples of 1 x 5 x 15 mm3 



 44

were laser cut from polymer sheets and their edges were sanded to remove any defects 

from the laser. The samples were thermally equilibrated at -75°C for 2 minutes and then 

heated to 200 °C at a rate of 5 °C/minute. Testing was performed in cyclic strain control 

at 0.2% strain with a preload force of 0.001 N and a force track setting of 150%. The 

glass transition temperature (Tg) was defined as the peak of the tan delta curve, and the 

rubbery modulus was measured as the storage modulus value taken 20°C beyond the 

lowest point in the rubbery plateau (n=3).  

 Surface characterization. Surface wettability was determined by performing 

contact angle measurements using the sessile drop method (Ramé-hart Model 250 

goniometer, Mountain Lakes, NJ) (n=3). FTIR-ATR spectra were obtained on discs using 

a Bruker Optics Tensor Spectrometer (Billerica, MA) with a KBr crystal. Ten scans were 

obtained on each sample at a 1 Hz frequency and peak wavenumbers were determined 

using OMNIC software (Thermo Electron Corporation, Madison, WI). Three spectra 

were obtained for three separate discs for each composition. 

 Cell studies.  Human MSCs and human osteoblasts (HOBs, Lonza) were obtained 

from Lonza (Walkersville, MO).  Human auricular chondrocytes were isolated from 

pediatric ear cartilage obtained under an IRB approved protocol at Children’s Hospital of 

Atlanta and Georgia Institute of Technology.  Informed consent was from the guardian 

and was in written form. The chondrocytes were isolated as described previously [118], 

cultured to confluence and stored at -80˚C until used for this study.  Cells in passage two 

were used for all studies.  Expression of cartilage cell phenotype at this passage was 

verified by gene expression of SOX9, ACAN, COL2, and COMP (Supplemental Figure 

1), as described in the following paragraph.  We did not assess expression of mRNA for 

elastin, a marker of the auricular chondrocyte phenotype, as our intent was to examine the 

general properties of osteoblasts v. chondrocyte lineage commitment. 

 For the study, all cells were grown plated at a density of 10,000 cells/cm2 on 

copolymer surfaces and cultured in Dulbecco’s modified Eagle’s medium (CellGro® by 
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Mediatech, Manassas, VA) supplemented with 10% fetal bovine serum (Life 

Technologies, Carlsbad, CA) and 1% penicillin-streptomycin (Life Technologies). Cells 

were fed with this medium for 24 hours post-plating and every other day. After 7 days of 

culture, cells were incubated with fresh medium for 12 hours. RNA was isolated (TRIzol, 

Life Technologies) and quantified using a NanoDrop spectrophotometer (Thermo 

Scientific, Waltham, MA). To create a cDNA template, 500 ng of RNA was reverse 

transcribed using a High Capacity Reverse Transcription cDNA kit (Life Technologies). 

To quantify expression of RUNX2 mRNA in MSCs and HOBs, cDNA was used for real-

time PCR with gene-specific primers (Supplemental Table 1) using the StepOnePlus 

Real-time PCR System and Power SYBR® Green PCR Master Mix (Life Technologies). 

Fluorescence values were quantified as starting quantities using known dilutions of cells 

cultured on tissue culture polystyrene (TCPS). mRNA expression was normalized to 

glyceraldehyde 3-phosphate dehydrogenase. Total cell number and cellular alkaline 

phosphatase specific activity were measured in the cell lysate as described previously [4].  

 Secreted osteocalcin (OCN, Biomedical Technologies, Stoughton, MA) and 

osteoprotegerin (R&D Systems, Minneapolis, MN) were measured to determine 

osteogenic differentiation. Immunoassays were normalized to total cell number.  

Chondrogenic differentiation was determined by measuring expression of mRNAs for 

aggrecan (ACAN), cartilage oligomeric matrix protein (COMP), and collagen type II 

(COL2) as described above.  Cartilage matrix production was assessed using an Alcian 

blue assay (Sigma Aldrich, St. Louis, MO) to measure sulfated glycosaminoglycans. In 

brief, cell layers were fixed with 10% neutral buffered formalin for 10 minutes at room 

temperature. Cells were washed twice with PBS, then incubated with 3% acetic acid for 

10 minutes. Proteoglycans were stained with 1% Alcian blue in 3% acetic acid (pH 2.5) 

for 30 minutes at room temperature. Cell layers were washed twice, and Alcian blue was 

extracted with dimethyl sulfoxide. Absorbance was measured at 650 nm [119].  
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For all experiments, MSCs, HOBs, and chondrocytes were grown at the same 

time with the same culture media to limit variability.  To visualize cell shape, MSCs, 

HOBs and chondrocytes were plated on copolymer surfaces at a density of 5,000 

cells/cm2 and allowed to spread for 24 hours in culture medium as described. Cell layers 

were fixed in 4% paraformaldehyde for 20 minutes and permeabilized in 0.05% Triton X-

100 in PBS for 5 minutes. To visualize F-actin, cells were incubated for 1 hour with 

Alexa Fluor 488-labeled phalloidin (Life Technologies). At the end of the incubation 

period, cells were washed with PBS and incubated with Hoechst 33342 (Invitrogen) for 

10 minutes. Finally, cultures were washed with 0.05% Triton X-100 in PBS, mounted on 

glass coverslips with Fluoro-Gel with Tris buffer (Electron Microscopy Sciences, 

Hatifield, PA) and imaged (Zeiss LSM 510 NLO with META MPE, Carl Zeiss 

Microscopy, Thornwood, NY). 

 To examine integrin expression, MSCs, HOBs, and chondrocytes were plated on 

copolymer surfaces at a density of 10,000 cells/cm2 on copolymer surfaces and cultured 

in the same culture medium as described above. Cells were fed 24 hours post-plating and 

every other day thereafter. After 7 days, cells were incubated with fresh media for 12 

hours and gene expression for integrins α1, α2, α5, αv, β1, and β3 measured as described 

above. 

 Permanently silenced ITGB1 MSCs were generated to examine integrin-

dependent MSC differentiation on surfaces of varying stiffness. MSCs were transduced 

with shRNA lentiviral transduction particles (SHCLNV_NM_002211, TRCN 

0000029645, Mission®, Sigma Aldrich) to silence ITGB1. MSCs plated at 20,000 

cells/cm2 were cultured overnight. Cells were incubated with particles (multiplicity of 

infection 5.0) overnight. Transduced cells were selected with culture media containing 

0.25 μg/ml puromycin, yielding cells with 85% knockdown of mRNA. Quantification of 

mRNA levels of SOX9 and RUNX2, cell number, alkaline phosphatase specific activity, 

and secreted OCN and OPG were performed as described above. 
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 Statistics. Data are shown as mean +/- SEM of six independent cultures from a 

representative experiment. All experiments were repeated. Using ANOVA with post-hoc 

Bonferroni’s modification of Student’s t-test a value of P < 0.05 was considered 

statistically significant. 

A.3 Results 

Name Tg (°C) 

Contact 
Angle (°) 

18MA 43.0 75.9 ± 7.9 

29MA 40 74.5 ± 10.7 

40MA 25 89.4 ± 5.9 

72MA 4.0  86.9 ± 5.0 

 

A B

DC

Methyl acrylate (MA) Methyl methacrylate (MA)

Poly(ethylene glycol) dimethacrylate (PEGDMA; Mn~750)

E

Figure A.1. Characterization of MA-MMA networks. (A) Monomers used to create 
networks of increasing stiffness. (B) Example of crosslinked network. (C) 
Representative FTIR-ATR spectra for each network indicating similar surface 
chemistry for each. (D) Glass transition temperature (Tg) and contact angle of 
crosslinked networks. (E) DMA of crosslinked networks (n=3). 
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 The similar chemical makeup of the monomers (Fig. A.1A) yielded networks 

(Fig. A.1B) with similar surface chemistries as indicated by their FTIR-ATR spectra – 

the position of the major bonds (O-CH3, C=O, and C-O-C) did not shift between the 

different compositions (Fig. A.1C). Although these networks had similar surface energy 

as evidenced by similar contact angles (Fig. A.1D), their elastic moduli, measured in PBS 

at 37°C, spanned multiple orders of magnitude, (18MA>29MA>40MA>72MA) (Fig. 

A.1E). The toughness of the MA-MMA copolymers closely mimics the reported 

toughness of hard biological tissues including dentin and cortical bone (Fig. A.2). 

 Stiffness affected the 

structural organization of 

cytoskeletal filaments. 

MSCs grown on MA-

MMA copolymer 

surfaces were longer on 

the less stiff surfaces, 

with multiple contact 

points on the 40MA 

surface (Fig. A.3A-D). 

Unlike MSCs grown on 

surfaces with lower 

stiffness, F-actin 

appeared to be reduced 

in MSCs grown on 18MA surfaces (Fig. A.3A). HOBs were noticeably smaller on the 

18MA surface (Fig. A.3E) and more spread out on the less stiff surfaces (Fig. A.3F-H). 

Chondrocytes on 18MA, 29MA, and 40MA had similar morphology with long extensions 

and few points of contact (Fig. A.3I-K), and began to spread wider on the least stiff 

surface (Fig. A.3L). However, the pattern of F-actin 

Figure A.2. Toughness vs. elastic modulus for load-
bearing biological tissues (green) and MA-MMA networks 
(black).  Modified from data from Ref [24]. 
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Chon

Figure A.3. Stiffness-dependent cytoskeleton arrangement. Representative staining 
of F-actin by phalloidin (green) and nuclei by DAPI (blue) in human MSCs (A-D), 
HOBs (E-H), and chondrocytes (I-L) cultured on surfaces of varying stiffness. 
(Scale bars: 100 μm for A,B,D; 50 μm for all others.) 
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organization was not changed in a stiffness-dependent manner for HOBs and 

Figure A.4. Osteoblastic differentiation on MA-MMA networks. (A-B) mRNA 
levels for osteoblast-specific marker RUNX2. (C-J) MSC and HOB response to 
substrate stiffness seen in cell number and osteogenic protein levels. *P < 0.05 
vs. 18 MA, #P <0.05 vs. 29 MA, $P <0.05 vs. 40 MA. 
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chondrocytes (Fig. A.3E-L). 

 We then compared the effects of stiffness on osteoblast phenotype in mMSCs and 

mature osteoblasts. MSCs and HOBs were grown without exogenous growth factors 

typically used to induce differentiation (see materials and methods). mRNA levels of 

transcription factor RUNX2 showed MSCs were more sensitive to stiffness than 

osteoblasts. RUNX2 increased in a stiffness-dependent manner in MSCs that was not 

present in OBs; however, the highest RUNX2 levels were seen on 72MA surfaces in both 

cell types (Fig. A.4A-B). Cell number was significantly higher on the 29MA and 72MA 

surfaces for MSCs whereas in HOBs peak numbers were found on 72MA, followed by 

29MA and 40MA (Fig. A.4C-D). Alkaline phosphatase specific activity, an early marker 

for cells in the osteoblast lineage, was greatest in MSCs grown on 40MA followed by 

72MA while HOBs grown on these stiffnesses had lower alkaline phosphatase activity 

compared to 18MA (Fig. A.4E-F). mRNAs for matrix proteins osteocalcin and 

osteoprotegerin, associated with more mature osteoblasts, were similarly affected. Peak 

levels of these proteins occurred in MSCs grown on 40MA (Fig. A.4G,I). Conversely, 

there was a decrease in osteocalcin expression in HOBs grown on the least stiff substrates 

(Fig. A.4H), and osteoprotegerin mRNAs were lower in HOBs grown on all but 18MA 

(Fig. A.4J). 

 Chondrogenic differentiation of MSCs and chondrogenic markers in chondrocytes 

were responsive to substrate stiffness as well. MSCs and chondrocytes were grown for 7 

days on the polymer surfaces without exogenous growth factors to induce differentiation 

(see materials and methods). SOX9, ACAN, COMP, and COL2 all increased in a 

stiffness-dependent manner for MSCs and were greatest on 72MA (Fig. A.5A,C,E,G) 

whereas levels of SOX9 were equally high in chondrocytes grown on 40MA and 72MA 

(Fig. A.5B). ACAN levels in chondrocytes mimicked MSCs for 40MA and 72MA (Fig. 

A.5C-D), but contrary to MSCs the level of COMP decreased on those same surfaces 

(Fig. A.5E-F). There was a stiffness-dependent increase in the level of COL2 for 
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chondrocytes, however, similar to MSCs (Fig. A.5G-H). Sulfated glycosaminoglycan 

Chon

Figure A.5. Chondrogenic differentiation on MA-MMA networks. Levels of 
chondrogenic mRNA (A-H) and quantification of proteoglycan staining in MSCs and 
chondrocytes (I-J) cultured on surfaces of varying stiffness. *P < 0.05 vs. 18 MA, #P 
<0.05 vs. 29 MA, $P <0.05 vs. 40 MA. 
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staining by Alcian blue was similar for both MSCs and chondrocytes in that there was an 

increase in staining in cells grown on both 40MA and 72MA surfaces with the greatest 

intensity in cells grown on the least stiff surface (Fig. A.5I-J). 

 Integrin expression was surface-dependent in all three cell types after seven days 

in culture. In MSCs, levels of ITGA1 and ITGA2 were higher on 29MA and 72MA 

substrates than on 18MA, with peak levels occurring in MSCs grown on the 40MA (4.7 

MPa stiffness, Fig. A.6A-B). A stiffness-dependent increase in the mRNA levels of 

ITGA5 and ITGB1 was seen in MSCs, with higher levels in MSCs grown on the least 

stiff surfaces (Fig. A.6C,E). Levels of IGTAV were significantly higher only on the 

40MA and 72MA surfaces, peaking on the 40MA surfaces (Fig. A.6D). Conversely, a 

stiffness-dependent decrease in the levels of ITGB3 was seen on the surfaces (Fig. A.6F). 

In HOBs, ITGA1 levels were higher on all but the most stiff surface, peaking on the 

40MA (Fig. A.6G), but levels of ITGA2 were highest in cells grown on 29MA and lower 

in those grown on the copolymers with lower stiffness (Fig. A.6H). HOBs grown on the 

surfaces with lower stiffness had higher levels of ITGA5 but lower levels of ITGAV (Fig. 

A.6I-J). The mRNA level for ITGB1 in HOBs was lowest on the stiffest surface (Fig. 

A.6K). A decrease in the levels of ITGB3 could be seen for HOBs grown on both 40MA 

and 72MA surfaces with the greatest decrease from those on the least stiff surface (Fig. 

A.6L). Finally, in chondrocytes, ITGA1 mRNAs increased in cells grown on the 40MA 

surface with higher levels in those grown on the 72MA surface (Fig. A.6M). The levels 

of ITGA2 were lower in chondrocytes grown on surfaces with lower stiffness (Fig. 

A.6N). Chondrocytes had similar levels of ITGA5 on all surfaces, but were significantly 

higher from those grown on the least stiff surface (Fig. A.6O). The levels of both ITGAV 

and ITGB1 increased in chondrocytes grown on surfaces with lower stiffness (Fig. 

A.6P,Q) and, as in MSCs, a similar stiffness-dependent decrease in the level of ITGB3 

was observed (Fig. A.6R). 
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 Because MSCs tended to be the most sensitive to the varied stiffness, we wanted 

Chon

Figure A.6. Integrin expression is stiffness- and cell-type- dependent. Comparison 
of integrin mRNA levels in MSCs, OBs, and chondrocytes cultured on surfaces of 
varying stiffness. *P < 0.05 vs. 18 MA, #P <0.05 vs. 29 MA, $P <0.05 vs. 40 MA. 
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to determine how silencing integrin β1 (ITGB1) in these cells would modulate this 

response. Silencing ITGB1 abolished the stiffness-dependent increase in mRNA levels of 

transcription factors for chondrocytes (SOX9) and osteoblasts (RUNX2) (Fig. A.7A-B). 

Fig A.7. Integrin-dependent osteoblast differentiation. Levels of chondrogenic (A) and 
osteoblastic (B) mRNA. (C-F) Cell number and osteogenic protein levels in wild type 
human MSCs (WT) and silenced integrin β1 MSCs (shITGB1) cultured on surfaces of 
varying stiffness. *P < 0.05 vs. 18 MA, #P <0.05 vs. wild type. 
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Silencing ITGB1 also abolished the increase in cell number on decreasingly stiff surfaces 

seen in WT MSCs (Fig. A.7C). shITGB1-MSCs had lower alkaline phosphatase specific 

activity compared to their wild-type counterparts and the levels decreased with 

decreasing stiffness (Fig. A.7D). Osteocalcin levels that were highest on 40MA in WT 

MSCs were lower in the silenced cells on all stiffnesses and lowest on 72MA surfaces 

(Fig. A.7E). Finally, the increase of osteoprotegerin in wild type cells grown on 40MA 

was also abolished in shITGB1-MSCs (Fig. A.7F). 

A.4 Discussion 

 Multipotent stem cells from various sources have previously been shown to 

differentiate in response to varying topographies and stiffnesses [26,31,120-122]. In most 

cases, this differentiation has been enhanced with different induction media resulting in a 

very complex process that potentially masks effects of surface features, chemistry, or 

stiffness. In our study, we eliminated all but one of these variables, stiffness, in order to 

tease out its effects on MSC differentiation along two lineage fates: chondrogenic and 

osteogenic.  Our results show that stiffness alone is able to direct differentiation and that 

different stiffnesses favor expression of a cartilage cell phenotype v. expression of an 

osteoblast phenotype, but no one stiffness produces an exclusive outcome. 

We did not observe significant morphological changes in MSCs, HOBs, or 

chondrocytes on our polymer networks as others have demonstrated [26,123] although 

we did see some stiffness-dependent cytoskeletal arrangement. Significant changes in 

expression of differentiation markers do not necessarily correlate with outward changes 

in MSC morphology over the short time course of our study [124].  Similarly, we did not 

observe morphological changes in the chondrocyte and osteoblast cultures, although gene 

expression for differentiation markers was affected.    

Gene expression in the cultures did vary with cell type and with substrate 

stiffness.  MSCs exhibited increasing RUNX2 expression with decreasing stiffness, 



 57

whereas expression in the committed HOB cells was less sensitive to substrate. Levels of 

this factor are correlated with osteoblastic differentiation of MSCs [125-127], suggesting 

that less stiff substrates induced osteoblastic differentiation. Whether this reflects in vivo 

differentiation on osteoclast resorbed bone surfaces, which are primarily collagen and 

non-collagenous proteins like osteopontin rather than stiffer fully mineralized bone 

[128,129], isn’t clear. 

We had expected MSCs to behave more like HOBs on the stiffer surface and 

more like chondrocytes on the less stiff surfaces but MSC responses were observed on 

the less stiff polymers (40MA and 72MA) for both lineages, indicating a mixed 

population exhibiting both osteoblastic and chondrogenic markers: more osteoblastic 

markers on the slightly less soft surface and more chondrogenic markers on the softest 

surface. The observation that MSCs had the highest osteoblast response on the next to 

least stiff (40MA) networks and the highest chondrogenic response on the least stiff 

(72MA) networks is an indicator that there exists an optimal substrate stiffness to 

promote osteoblast differentiation and that it is not simply ‘the harder, the better.’  

HOB expression levels of osteoblastic genes increased only on the stiffer 

surfaces; on the softer surfaces they not only didn’t have this increase but may have 

begun to dedifferentiate. This suggests that maintenance of an osteoblastic phenotype 

may require a stiffer microenvironment typical of mineralized bone.  To achieve a stable 

osteoblast phenotype in MSCs grown on TCPS requires extensive time in culture to 

develop multi-layered nodules and generally requires the use of media supplements for as 

long as 3 weeks to support mineral formation within the nodules [130].  Our study did not 

examine the long-term effects of MSCs on the softer 72MA substrate to determine if 

stiffness alone would support stable osteoblastic differentiation and matrix 

mineralization. Continued culture on the softer substrate in the absence of media 

supplements could have an inhibitory effect on downstream osteoblastic differentiation. 
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The differentiated HOBs behaved differently than the MSCs on the varied 

stiffnesses, suggesting that as differentiation progresses, substrate stiffness continues to 

influence cell maturation. Metal and ceramic implants generally have moduli much 

higher than native bone; any polymer scaffold or bone substitute must take stiffness into 

account as a critical factor. Most published work examining cell response to substrate 

stiffness use polymers such as hydrogels, which have moduli orders of magnitude lower 

than 100 kPa, far below biological tissues such as dental tissue or cortical bone, which 

are at or near common implant sites [115,120,121,131-133]. In contrast, chondrocytes, 

which exist in a hydrogel environment in vivo [134] behaved very similarly to MSCs. 

Our results indicate that differential expression of integrins in response to surface 

stiffness plays a crucial role in determining cell response, and that MSC differentiation is 

controlled by integrin signaling. Because integrins are a cell’s primary response to 

substrate stiffness due to ligand binding [100,135,136], and change according to 

differentiation [137], it follows that depending on a cell’s phenotype it would have more 

or less sensitivity to substrate stiffness. Expression of ITGA1, ITGA2, and ITGA5 in 

particular in MSCs was much more sensitive to stiffness than in either osteoblasts or 

chondrocytes. Others have reported a similar increase in ITGA5 in murine fibroblasts 

though no substrates stiffer than 55 kPa were examined [136]. Izal-Azcarate et al. looked 

at integrin expression in rat chondrocytes on surfaces of 2-20 Pa stiffness under normoxia 

and hypoxia conditions and saw a decrease in ITGA2 and ITGAV, but no differences in 

ITGA1, ITGB1, or ITGB3 under normoxia [100], whereas we did. The softness of the 

substrates examined could account for the difference in our data compared to theirs, as 

changes in ITGB3 expression were not seen until MSCs were grown on stiffer substrates. 

The silencing of ITGB1 completely abolished this sensitivity at one week, faster than the 

2-3 weeks reported previously [135]. The abolition of the SOX9 response in MSCs by 

ITGB1 silencing is likely due to cellular stiffness and diffusion changes, as others have 

seen increased activation of ITGB1 on softer substrates [114,138].  
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A.5 Conclusion 

 Our results show that stiffness can direct the fate of MSCs and suggest that over a very 

small range, induce bone or cartilage formation – or both, such as our 40MA networks, 

which showed an enhancement of bone and cartilage markers. Once cells commit to an 

osteoblast lineage, stiffness has a completely different effect, suggesting that softer 

substrates could halt further osteoblast maturation. We were able to enhance chondrocyte 

markers in mature chondrocytes while the same networks inhibited osteoblast markers in 

mature osteoblasts. In addition we show that multiple integrins and integrin 1 in 

particular play a key role in MSC sensitivity to stiffness. Understanding the importance 

of this mechanical property unlocks its useful potential for exploitation in order to control 

cell fate.  
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APPENDIX B 

DUAL COAXIAL ELECTROSPINNING 

 

 

Figure B.1 Dual coaxial electrospinning. Core 1 was 15% polyvinylpyrrolidone (PVP) 
in N,N-dimethylformamide (DMFA) mixed with rhodamine at a rate of 0.1mL/hr. Core 
2 was 10% PVP in DMFA mixed with fluorescein at a rate of 0.11 mL/hr. Shell was 
25% polycaprolactone (PCL) in DMFA mixed with Nile Blue A at a rate of 0.25 mL/hr. 
Distance between needle tip and mat was approximately 15 cm. Voltage was around 10 
kV. Images taken on a Zeiss LSM-710. 
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