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Abstract 

 

Synthetic Hydrogel Delivery of Growth Factors and Demineralized 
Bone Matrix for Bone Augmentation 

 

By 

Lucas A. Kinard 

The overarching objective of this thesis was to investigate synthetic hydrogel 

delivery of growth factors and demineralized bone matrix (DBM) for bone augmentation. 

Our motivation rests on observed weaknesses of current clinical approaches to bone 

augmentation, which synthetic hydrogels hope to overcome based on non-invasive 

application, contouring, tunability, and drug delivery. First, we investigated the release of 

bone morphogenetic protein-2 (BMP-2) from gelatin microparticles. Hydrogel 

composites based on oligo(poly(ethylene glycol) fumarate) (OPF) were prepared to 

investigate the effect of gelatin amount, gelatin type, and BMP-2 loading phase on 

release. The most significant factor affecting the release of BMP-2 was the loading phase, 

whereby gelatin loading reduced the burst release and increased BMP-2 release during 

later phases. Our results indicated tunability of the physical properties and BMP-2 release 

kinetics of our hydrogel composites. Second, we developed a rat model for bone 

augmentation and investigated our BMP-2 delivery system in vivo. Our animal model 

achieved rigid immobilization of bilateral implants apposed to the parietal bone of the rat. 

The BMP-2 release profile was varied and compared to the implantation of a material 

control without BMP-2. The volume of bone augmentation did not vary between groups 

after 4 weeks largely due to insignificant hydrogel degradation. Altogether, a promising 

rat model of bone augmentation was established; however, refinement of the hydrogel 
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composites was suggested. Lastly, we investigated OPF for the delivery of DBM for bone 

augmentation in a rat model. OPF constructs were designed and fabricated by varying the 

content of rat-derived DBM particles and using two DBM particle size ranges. The 

physical properties of the constructs and the bioactivity of the DBM were evaluated. 

Select formulations were evaluated in vivo compared to an empty control to investigate 

the effect of DBM dose and construct properties on bone augmentation. Overall, 

constructs with higher DBM content achieved the greatest volume of bone augmentation, 

exceeding lower DBM constructs and empty implants by 3-fold and 5-fold, respectively. 

We established that a synthetic, biodegradable hydrogel can function as a carrier for 

DBM, and that the volume of bone augmentation achieved by the constructs correlated 

directly to DBM dose. 
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Objectives 

The work of this thesis was divided into three specific aims. 

SPECIFIC AIM 1: 

The first aim looked at developing separate microparticle and nanoparticle drug 

delivery systems for BMP-2 and IGF-1, respectively. Both systems comprised gelatin 

particles serving as delivery vehicle and digestible porogen dispersed within a synthetic 

hydrogel matrix. In part 1, we hypothesized that construct physical properties dependent 

on gelatin type and gelatin fraction as well as growth factor loading phase would alter 

BMP-2 release kinetics. In part 2, we hypothesized that delivery from gelatin 

nanoparticles would delay IGF-1 release compared to nanoparticle-free hydrogels. 

SPECIFIC AIM 2: 

The second aim investigated the BMP-2 delivery system from aim 1 consisting of 

gelatin microparticles and synthetic hydrogel in a new rat model for bone augmentation. 

We hypothesized that the microparticle delivery system releasing BMP-2 would induce 

greater bone augmentation than growth factor-free constructs.  

SPECIFIC AIM 3: 

 The third and final aim investigated a synthetic biodegradable hydrogel for the 

delivery of demineralized bone matrix for bone augmentation in a rat model. We 

hypothesized that greater bone volume and height would be achieved by constructs with 

higher demineralized bone matrix content owing to the greater dose of osteogenic 

material and to accelerated degradation. 
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Chapter 1: Bone Engineering‡ 

Bone engineering is a heavily investigated area of tissue engineering due to the 

importance of bone to the overall function of the body and the aesthetic importance of 

bone for human appearance and social interaction. Significant strides have been made in 

tissue engineering since its inception, and many of the developments in this field have 

found their impetus in the design of novel strategies for bone engineering applications. 

Bone engineering is an area expected to flourish in terms of new discoveries and clinical 

translation, making tissue engineering a clinical reality in the years ahead. The text that 

follows will lay out the basic structure of a complete bone engineering strategy from a 

fundamental understanding of bone biology, to a description of the research efforts 

developing each part of the bone engineering paradigm, to an update on topics of recent 

focus, and concluding with a description of the challenges of clinical translation. 

BONE BIOLOGY 

The following will explain the aspects of bone biology that are most important to 

bone engineering. Bone biology in this context is divided into the areas of shape, 

structure, composition, and their variation with skeletal location and with time. 

Shape 

Bone shape is governed by genetically indicated patterns, mechanical forces, and 

movement. During initial skeletal modeling, the formation of the organic matrix and its 

subsequent replacement by immature bone is directed by sequential gene expression [1]. 

Mechanical forces and movement have a role in later stages of bone development 

                                                
‡ This chapter was published as L.A. Kinard, A.G. Mikos, F.K. Kasper, Bone engineering, in: J.P. Fisher, 
A.G. Mikos, J.D. Bronzino, D.R. Peterson (Eds.) Tissue Engineering Principles and Practices, CRC Press, 
Boca Raton, FL, 2013. 
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influencing maturation, remodeling, and refinement [2, 3]. The bone engineer should be 

cognizant of the stochastic influence of the factors governing bone shape. Bone shape is 

altered by the process known as modeling, which functions by combination of periosteal 

and endosteal apposition and resorption. By either carving out or adding to the different 

dimensions of the bone, the shape can be formed into a wide range of complex 

morphologies. 

Structure 

The structure of bone is built upon three tissue types: marrow, bone tissue, and 

periosteum. A biomimetic, engineered bone in its final form must incorporate these 

tissues in the correct anatomical position and composition. Marrow is a fatty substance 

located in the central regions of bone that supplies bone and blood forming cells, and its 

vasculature is important to the overall blood supply to bone. Bone itself has two forms: 

cortical (compact) and cancellous (trabecular) [4, 5]. Cortical bone is located on the 

periphery, has only 10% porosity, and makes up 80% of the skeleton [6]. Cancellous 

bone is located interiorly and has 50-90% porosity and 20 times more surface area than 

cortical bone. This difference enables cancellous bone to have an increased response rate 

to mechanical loading or unloading and a higher rate of metabolic activity and 

remodeling due to the higher cell-covered surface area. The two maturation levels of 

bone are woven and lamellar. As cortical and cancellous bones mature, the initial woven 

state is an immature, less rigid, and more isotropic form, which by remodeling gives way 

to a mature, highly rigid, and anisotropic structure known as lamellar bone. Remodeling 

is, therefore, defined as bone turnover without changing bone shape. Woven bone is 

considered as such due to its irregular arrangement of collagen fibers and woven 

microscopic appearance. Lamellar bone on the other hand, takes its name from the 

structural bone unit lamella, which consists of parallel and directionally oriented collagen 
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fibers. Lamellae are stacked upon one another in the radial direction and are 

distinguishable due to the alternating direction of collagen fibers from one to the next. 

The interconnections between these highly oriented regions contribute strength to 

lamellar bone. Woven and lamellar bone can be distinguished radiographically due to the 

irregular mineralization of woven bone and the tightly organized and uniform 

mineralization of lamellar bone allowing the bone engineer to use radiographs of in vivo 

bone formation as a measure of bone maturation. The periosteum, like the marrow, 

supplies cells necessary for bone remodeling, serves as a second blood supply to bone, 

and has numerous metabolic effects. The periosteum has two distinct layers: an outer 

dense and fibrous layer and an inner cellular and vascular region known as the cambium 

due to the presence of osteoprogenitor cells [5-7]. 

Composition 

The composition of bone can be divided into the basic areas of matrix, cells, and 

bioactive factors. Bone matrix is composed of an inorganic mineral phase and an organic 

protein-rich phase. By wet weight, bone consists of approximately 65% inorganic phase, 

over 20% organic phase, and approximately 10% water [6]. The inorganic phase serves 

as an ion reservoir for predominately Ca, P, Na, and Mg and contributes stiffness and 

strength in the form of apatite, carbonate, acid phosphate, and brushite. The organic 

phase provides bone form and helps resist tension. It consists primarily of collagen type I, 

with small amounts of collagen type V and XII composing 90% of the organic phase and 

non-collagenous glycoproteins and proteoglycans contributing the remaining 10%. 

Additional proteins prevalent in bone include osteocalcin, osteonectin, bone sialoprotein, 

bone phosphoproteins, and small proteoglycans [8]. Mineralization of bone occurs within 

the existing organic matrix with only slight changes to the organic phase. Mineralization 

progresses quickly with 60% of the total mineral phase formed within the first hours of 
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the process. As mineralization further progresses the water and non-collagenous protein 

contents decrease and the collagen content and organization remain essentially the same 

[6]. 

Bone consists of cells from two cell lines. The mesenchymal stem cell (MSC) line 

gives rise to undifferentiated osteoblast progenitors (preosteoblasts), osteoblasts, bone-

lining cells, and osteocytes (fully differentiated osteoblasts). The hematopoietic stem cell 

(HSC) line gives rise to monocytes, preosteoclasts, and osteoclasts. MSCs are located in 

bone canals, endosteum, periosteum, and marrow [5, 9, 10], and preosteoblasts can also 

derive from vascular pericytes [11, 12]. Osteoblasts line the bone surface throughout the 

matrix, synthesize and secrete organic matrix, play a role in electrolyte flux, and produce 

matrix vesicles [5, 13]. Osteocytes are primarily mechanosensors and modulators of cell 

activity and compose 90% of bone cells at maturity [5, 6]. Bone-lining cells are also 

referred to as resting osteoblasts or surface osteocytes owing to their origin or 

morphology and function, respectively. Bone-lining cells are able to release enzymes to 

remove the layer of osteoid that covers mineralized matrix allowing osteoclasts to attach 

and begin resorption. Osteoclasts destroy bone by using proton pumps to secrete protons 

to an isolated area of bone, lowering the pH and solubilizing the mineral phase. 

Osteoclasts use acid proteases to degrade the organic phase [6, 14]. The listed cell types 

create an intricate balance between formation and destruction of bone, and their activity 

is critically influenced by numerous factors to be introduced next. 

Numerous systemic hormones, cytokines, and mechanical factors affect the 

activities of bone cells. These factors are used by physicians and bone engineers to 

achieve proper bone growth and remodeling, and the bone engineer should have an 

understanding of the effect of various factors in order to develop useful strategies. For 

instance, parathyroid hormone (PTH) increases resorption by stimulating differentiation 
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of osteoclast precursors [15] as does vitamin D, and calcitonin exhibits the opposite effect 

by inhibiting osteoclast precursor differentiation and proliferation [16]. Growth factors 

control cell growth (mitogenesis), differentiation (morphogenesis), and extracellular 

matrix (ECM) synthesis. They work by one of three types of action: autocrine, paracrine, 

or endocrine. The initial interaction between growth factors and cells is via redundant and 

highly specific cell binding receptors, and the final effect of this binding is transcription 

factor activation, binding of nuclear DNA, and modulation of gene expression. The 

details of numerous growth factors will be delineated in subsequent sections. The 

briefness of this chapter prevents describing in detail the importance of mechanical forces 

to bone engineering, but they are associated with bone remodeling in numerous ways. 

Those most related to initiation of remodeling include strain energy density, longitudinal 

shear stress, and tensile stress-strain [17]. 

Dynamics 

Dynamics of mature bone are divided between modeling, which alters shape, and 

remodeling, which changes structure and composition. However, preceding both of these 

is the process of bone formation, which occurs by two mechanisms termed 

intramembranous and endochondral ossification. In intramembranous ossification, MSCs 

aggregate and synthesize a loose collagenous matrix [18]. Osteoprogenitors present in the 

preliminary matrix differentiate to osteoblasts which deposit additional bone matrix and 

become osteocytes [5]. This type of bone formation is responsible for forming the flat 

bones of the face, vault of the skull, pelvis, and the clavicle [19]. In endochondral 

ossification, MSCs condense and become resting chondrocytes, which then proliferate 

and differentiate to hypertrophic chondrocytes. Hypertrophic chondrocytes produce a 

hyaline cartilage model of the bone, which soon becomes calcified. Vascular buds invade 

delivering chondroclast and osteoclast precursors that differentiate and resorb the 
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calcified cartilage. Osteoblasts then deposit bony matrix in the form of woven bone, 

which is subsequently remodeled to mature lamellar bone (Figure 1.1) [5, 20]. This type 

of bone formation is responsible for forming the short and long bones of the appendicular 

skeleton, vertebral column, and base of the skull. Evidence of endochondral ossification 

can be detected by observing the common indicator of hypertrophic chondrocytes, 

collagen type X, followed by localized bone and blood vessel formation. Bone modeling 

and remodeling of the mature skeleton occur by appositional formation in which 

osteoblasts align along the bone surface and synthesize osteoid in successive layers 

forming lamellae [19]. This mechanism is much more similar to intramembranous than 

endochondral ossification. Bone engineering methods that implant osteoblasts use the 

model of appositional bone formation since this type is exclusive to osteoblasts. Methods 

that implant stem cells employ either the intramembranous or endochondral ossification 

model [21]. Most examples in the bone engineering literature employ intramembranous 

ossification due to the presence of an implanted material template, osteogenic signals, 

and in some cases, the flat-bone-like size and shape of bone defects in small animal 

models; however, there are some recent examples in the literature employing the 

mechanism of endochondral ossification as an advantageous alternative [18, 22-25].  

Knowledge of the shape, structure, and composition of bone and their variation 

with position and time is critically important to the ability of the bone engineer to 

conceptualize and optimize potential regeneration strategies. These aspects of bone 

biology have natural corollaries seen in the various components involved in bone 

engineering design. First, the shape of a construct is determined by properties of the 

materials used and their ability to be molded on the macroscale. Second, the structure is 

determined by material choice, aspects involved in the fabrication of the construct such as 

spatial orientation and porosity, and particular guidance or induction of different tissue 
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types. Third, the composition is determined by the biomimetic behavior of materials 

constituting the matrix, incorporation of various cell types, and release of bioactive 

factors. The variation of these aspects with respect to location in bone is controlled by the 

biological mechanisms already described; however, mimicking the temporal variation of 

bone biology introduces additional challenges. Modeling and remodeling of the construct 

depends on the degradation mechanism, degradation rate, and interaction between the 

material and native tissue among other factors. It is with knowledge of these corollaries 

that the bone engineer designs biomimetic constructs by employing the bone engineering 

paradigm and combinations of the various components, which will be described in detail 

in the following section. 

BONE ENGINEERING PARADIGM 

The tissue engineering paradigm was outlined near the outset of the field, and it 

has guided bone engineering research for nearly two decades. The components of the 

paradigm are matrices for cell attachment, isolated cells, and tissue-inducing substances, 

commonly called bioactive factors [26]. The importance of these aspects has been 

established through numerous investigations, and although bone engineering is possible 

without inclusion of all components, the task is often accomplished by using this strategy. 

Each component plays a unique role in mimicking native tissue, and omitting any one of 

the combination necessitates inducing the body to provide the missing item. Additional 

challenges are introduced toward the goal of bone engineering by attempting to 

manipulate the body to provide a component with temporal and quantitative specificity, 

therefore, making it advantageous to provide all necessary components as part of the 

original design. In order to understand how the bone engineer applies the paradigm, the 

following describes the current research in each area with respect to bone engineering 
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including numerous examples of their combination for evaluation in animal models and 

human trials. 

Materials 

When choosing a material to serve as a tissue engineering scaffold or drug 

delivery vehicle, the main characteristics to be considered are availability, cost, 

adjustable properties, crosslinking, degradation, mechanical properties, cell interactions, 

and covalent and non-covalent interactions with other materials and factors such as 

electrostatic complexation. The advantage or disadvantage of a certain characteristic is 

never absolute but instead depends on the application and its relation to other 

characteristics. Material composites are generally used to create micropores (less than 2 

nm), mesopores (2 to 50 nm), or macropores (greater than 50 nm) [27], to provide the 

capability of growth factor delivery, to vary mechanical characteristics, and/or to vary the 

degradation time. The primary materials used for current bone engineering strategies 

include inorganics and natural and synthetic polymers. The choice of material for bone 

engineering is carefully considered based upon the criteria listed above and the particular 

advantages relevant to the application, which are described below. 

Inorganic materials provide a suitable replica of the natural mineral matrix of 

bone, while brittle in certain formulations normally exceed the mechanical strength of 

other biomaterials used in bone engineering, interact favorably with bone cells, and 

promote direct integration between implant and bone. Evidence has shown the promise of 

using inorganic materials that have osteoconductive (facilitates bone formation) and 

possibly osteoinductive (stimulates or induces bone formation) properties alone or in 

composites with other inorganic materials or synthetic or natural polymers. Inorganic 

materials for bone engineering can be divided generally into calcium phosphate (Ca-P)-

based (bioceramics), bioactive glasses, and glass ceramics. Bioceramics are the most 
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commonly employed type of inorganic material in bone engineering due to their 

prevalence in natural bone, positive bone tissue response, and injectable in situ setting 

formulations [28]. Ca-P exists in numerous phases [29] and is used in porous 

formulations [30]. Composites of commercial Ca-P cement with primary and secondary 

macroporosity produced by CO2 foaming and PLGA microspheres, respectively, showed 

an intrinsic osteoinductive response in rat subcutaneous implantation and subcritical 

cranial defects presenting evidence for the ability of bioceramics to act osteoinductively 

[28]. Alternatively, bioactive glasses, formed by either melt processing at high 

temperature or sol-gel processing at ambient temperature, are made by combination of 

SiO2 with CaO, Na2O, K2O, and/or P2O5. Bioactive glass in composite with a collagen 

sponge promoted angiogenesis in an irradiated calvarial defect model, a characteristic 

useful to bone engineering to be described later in this chapter [31]. Although promising, 

the bioactive glasses have displayed problems with biocompatibility [32]. Glass ceramics, 

which are partially crystallized bioactive glasses, have been developed to overcome this 

limitation. A strontium and zinc incorporating calcium-silicate material was constructed 

with high porosity and relatively high compressive strength (2.16 MPa) for load-bearing 

applications. The construct formed more bone than TCP after 3 weeks when implanted 

into rat tibial bone defects [33]. As noted, the composition of bone is approximately 65% 

inorganic and over 20% organic. Combining materials in this proportion would be a 

logical strategy for bone engineering; therefore, the bone engineer should be aware of the 

properties of natural and synthetic polymers described next. 

Natural and synthetic polymers offer an alternative to inorganic materials for bone 

engineering in their ability to replicate the organic matrix of bone, aptitude for controlled 

delivery, capacity for cell encapsulation, and availability of injectable formulations. 

Natural protein-based materials used commonly in bone engineering include collagen, 
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gelatin, silk fibroin, and fibrin. Collagen type I is the most common natural material for 

bone engineering applications due to its high content in natural bone organic matrix. 

Collagen exhibits biocompatibility, crosslinking, and tunable degradation. Various forms 

of collagen have been tested extensively for bone engineering applications, and collagen 

sponges are used clinically as part of a product regulated for spinal fusion. Similarly, 

gelatin, which is derived from collagen, exhibits less potential for antigenicity due to its 

denatured form. Gelatin is capable of electrostatic complexation with proteins, which has 

resulted in the use of gelatin most often as a drug delivery vehicle for bone engineering in 

the form of microspheres or hydrogels. Implantation of Ca-P cement discs incorporating 

acidic or basic gelatin microspheres that undergo in vivo degradation at varying rates 

created void space for bone formation in rat critical-sized cranial defects [34]. 

Furthermore, gelatin hydrogels made by glutaraldehyde crosslinking [35] impregnated 

with rhFGF-2 and implanted into mice maxillae increased bone augmentation volume 

and upregulated the expression of osteogenic markers [36]. Alternatively, silk fibroin, 

produced commercially using silkworms, is advantageous for its high strength and 

elasticity while also being lightweight. Silk fibroin has been tested in the form of a 

fibrous scaffold and as a hydrogel and has shown promising results for promoting bone 

formation [37-39]. In addition, porous silk fibroin scaffolds prepared by solvent 

evaporation and particulate leaching supported bone growth in vivo [40]. Finally, fibrin is 

a protein matrix produced during the clotting cascade and contains cell binding sites that 

can be advantageous for bone engineering. Fibrin is also useful for its capacity to 

expedite cell invasion and remodeling [41-44], and fibrin glue has been used as a cell 

carrier to promote bone formation in vivo [45]. 

In addition to the protein-based materials, there are many options of natural 

polysaccharide-based materials that are commonly employed in bone engineering. 
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Alginate is commercially extracted from brown algae, readily available, and inexpensive. 

Since it is a block copolymer, its properties can be controlled by the relative amount of $-

L-guluronic acid (G) and #-D-mannuronic acid (M) subunits. Alginate can be reversibly 

crosslinked in aqueous solution by complexation with divalent cations, normally Ca2+. 

However, alginate has a tendency to undergo uncontrollable degradation due to the loss 

of cations in solution [46]. Alginate hydrogels shrink at low pH making them useful for 

drug delivery applications [41]. Its high water content and relatively weak mechanical 

properties make alginate most useful for cartilage applications; however, alginate has 

shown positive results for the promotion of osteogenic differentiation of MSCs [47]. 

Nevertheless, direct comparison demonstrates the general inferiority of alginate to the 

bone conductive performance of more common materials such as collagen [48]. 

Alternatively, chitosan is a fairly inexpensive material derived from chitin sourced from 

crustaceans, insects, and fungi. It contains amino and hydroxyl groups that can be 

chemically modified, and chitosan can be chemically crosslinked in aqueous solution 

with dialdehydes such as glutaraldehyde. Chitosan is degraded by lysozyme, and its 

cationic nature makes it useful for complexation to negatively charged molecules and for 

bioadhesive purposes [41]. Chitosan has been tested for bone applications in granular 

form, as freeze-dried porous scaffolds, and as pH-responsive, in situ forming preparations 

[49-51]. In contrast, starch is an abundant polymer that is difficult to process and brittle 

in its natural state. For this reason, it is often blended with other polymers or with 

inorganic materials for bone engineering applications [52]. Starch undergoes degradation 

by amylases and has been tested mostly in microparticle formulations [53, 54]. Finally, 

hyaluronan and chondroitin sulfate are two polymers that are naturally present as 

glycosaminoglycans (GAGs) and proteoglycans in bone ECM, respectively. Both 

hyaluronan and chondroitin sulfate are commercially produced by microbial fermentation 
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and are negatively charged and non-immunogenic. They have seen limited use in bone 

engineering applications, and chondroitin sulfate is either used in composites or 

crosslinked to render it less water-soluble [41]. 

A unique group of natural materials gaining popularity are the 

polyhydroxyalkanoates [55-57]. They have displayed advantageous biocompatibility and 

degradation following implantation. As an illustration of their use, three-dimensional 

poly(3-hydroxybutyrate) (PHB) fibrous scaffolds coated with collagen I and chondroitin 

sulfate, seeded with hMSCs, and implanted subcutaneously displayed positive osteogenic 

differentiation and osteogenic matrix in close contact with PHB fibers [58].  

In addition to the advantages shared with natural polymers, synthetic polymers 

offer optimal control of degradation and mechanical properties and modulation of cell 

interactions and surface properties. The most common synthetic polymers for bone 

engineering are the poly($-hydroxy esters) including poly(glycolic acid) (PGA), 

poly(lactic acid) (PLA), and poly("-caprolactone) (PCL). These polymers are known for 

biocompatibility, controlled degradation by hydrolytic cleavage, and hydrophobicity, and 

they are regulated by the FDA in products for numerous clinical indications. PGA has a 

higher modulus (12.5 GPa) than PLA due to its increased crystallinity and undergoes 

much faster degradation on the order of months when evaluated in vitro. PLA has two 

enantiomers, L-lactide (PLLA), which is more common, and D-lactide (PDLA). PLLA 

maintains a relatively high modulus (4.8 GPa) compared to other degradable polymeric 

constructs. Copolymers of lactic and glycolic acid, poly(lactic-co-glycolic acid) (PLGA), 

can be amorphous due to the presence of two monomer types and have lower moduli than 

their crystalline counterparts; however, copolymers are useful as their degradation can be 

controlled by the proportion of different monomers [59]. Finally, the poly($-hydroxy 

esters) have been tested for numerous applications in bone engineering including 
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electrospun and nanofibrous forms, as coatings, and in composites with other natural and 

synthetic materials [60-64].  

Poly(propylene fumarate) (PPF) consists of alternating propylene glycol and 

fumaric acid units enabling degradation by ester hydrolysis of the fumarate groups. As a 

primary advantage, PPF exhibits mechanical strength capable of bearing physiologically 

relevant loads. These properties are adjustable according to the molecular weight of the 

synthesized PPF or the crosslinking extent [65]. PPF constructs have a long established 

history of testing both in vitro and in vivo, and the material exhibits properties conducive 

to bone engineering applications, especially when paired with growth factor delivery [66, 

67]. More recent testing of PPF/CaSO4/#-TCP composites allowed control of 

compressive strength and modulus and degradation by varying molecular weight, 

proportion of crosslinker, and CaSO4/#-TCP ratio [68]. This example shows the potential 

of PPF to be modified to suit numerous bone engineering applications. The strategies for 

modulating the properties of poly($-hydroxy esters) and PPF alone or in composites 

apply to numerous synthetic polymers making them some of the most useful tissue 

engineering materials. 

Other synthetic polymers commonly employed in bone engineering research 

include poly(ethylene glycol) (PEG)-based polymers, polyurethanes, polyanhydrides, 

poly(ortho esters), poly(amino acids), and polyphosphazenes; unfortunately, the 

conciseness of this text does not allow for a complete description of their application. 

Considering the scaffold materials discussed, they are often tissue conductive but lack 

intrinsic osteoinductivity. Osteoinductivity offers the advantage of achieving bone 

regeneration with limited or no cell implantation and would result in an increased rate of 

bone growth in cell-based strategies since this mechanism promotes cell proliferation, 

differentiation, and migration from existing tissue. Implanted cells can act 
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osteoinductively by releasing bioactive factors that provide a bone forming stimulus to 

the native tissue. Therefore, the regenerative capacity of these materials can be increased 

through cell implantation and/or bioactive factor delivery, which will be discussed next. 

Cells 

In the earliest stages of bone engineering, osteoblasts were used to prove the 

concept of bone regeneration in two ways: osteoblasts cultured in vitro on scaffold 

materials produced bone-like matrix, and osteoblasts implanted subcutaneously resulted 

in ectopic bone formation. Recent studies employing osteoblasts or osteoblast-like cells 

most often did so for the purpose of evaluating the ability of material/material and/or 

material/growth factor combinations to induce bone formation in vitro [69, 70]. 

Subsequent in vivo testing of the system is normally carried out in the absence of 

transplanted cells. 

Osteoblasts have the ability to form mineralized ECM at an increased rate 

compared to undifferentiated cells. However, osteoblasts have limited proliferative 

potential in vivo and ex vivo making expansion and production in high quantities a 

challenge. Furthermore, the osteoblasts of aging patients have an attenuated proliferative 

response. This drawback has turned investigators to the promise of using multi- or 

pluripotent stem cells with high proliferative potential. 

MSCs are a distinct multipotent progenitor cell present in numerous tissues 

including bone marrow, periosteum, muscle, peripheral blood, adipose tissue, and 

periodontal ligament. MSCs are present in these tissues in extremely limited amounts; for 

example, bone marrow consists of MSCs in the amount of 1 in 100,000 nucleated cells 

[71]. MSCs naturally differentiate into cell types of mesodermal origin such as 

osteoblasts, chondrocytes, adipocytes, and skeletal myocytes. MSCs are currently the 

most commonly investigated cells for tissue engineering purposes including bone 
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regeneration. Many are seeking to understand the complex interactions of signals that 

affect MSC differentiation for bone engineering purposes. In this way, investigations are 

ongoing to study the effect on bone forming potential of MSC preculture period and 

conditions [72], initial cell phenotype [73], seeding density [74], co-culture with other 

cell types [75], and comparison of sources such as marrow or adipose tissue [76]. In 

addition, effects of scaffolds [77, 78], scaffold degradation [79], and growth factors [80] 

are intensely studied to optimize the implementation of MSC-based bone engineering 

strategies. As an example, differentiated MSCs were used to synthesize an osteoinductive 

ECM in vitro, which following decellularization, stimulated bone mineralization during 

subsequent culture of MSCs [81]. 

There are two categories of stem cells derived from adipose tissue including the 

adipose tissue-derived MSCs (ATSCs) and the completely distinct adipose stem cells 

(ASCs). ATSCs are advantageous since they can be easily extracted in large numbers and 

are similar to bone-marrow derived MSCs except demonstrating an altered bone 

morphogenetic protein (BMP) release profile [82]. The overall usefulness of adipose 

tissue as an MSC source compared to bone marrow is debated. ASCs on the other hand 

are a distinct multipotent cell type showing potential for osteogenic, chondrogenic, 

adipogenic, myogenic, and neuronal differentiation [71, 83]. Examples of ASC bone 

forming potential include numerous studies of implantation with a scaffold carrier in 

multiple animal models and in vitro demonstration using bioreactors [83-85]. ASCs 

demonstrate much promise for bone engineering; however, comparison with MSCs is 

difficult due to the discrepancies in culture conditions, animal source, and other factors 

relevant to a specific application. 

Embryonic stem cells (ESCs), aside from ethical and political debate, remain 

under scrutiny for the tendency of these cells to form teratomas upon implantation. 
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However, this has not prevented the study of non-human ESCs for bone engineering in a 

limited scope. Recently, increased expression of osteogenic markers was observed for 

human ESCs (hESCs) predifferentiated to osteoprogenitor cells and cultured on both 2-D 

and 3-D PLLA nanofibrous scaffolds. This indicates the potential of nanofibrous 

architecture to induce further osteogenic differentiation of hESCs [86]. 

Periosteal-derived progenitor cells are defined as those isolated from periosteal 

tissue by ECM digestion, filtration, and centrifugation. Periosteal cells can be sourced 

from bone surfaces throughout the body allowing cells from the region of interest to be 

used. Periosteal cells have displayed improved bone growth [87], similar osteogenic 

potential as MSCs [88], osteogenic differentiation in response to genetic alteration to 

produce BMP-2 and vascular endothelial growth factor (VEGF) [89], and improved 

results in spinal fusion procedures [90]. These results make periosteal cells a promising 

alternative source of postnatal multipotent cells for bone engineering. 

Muscle-derived stem cells (MDSCs) are multipotential, producing cells of the 

myogenic and mesenchymal lineage. MDSCs are predecessors of satellite cells, which 

are monopotential for the myogenic lineage. MDSCs are easily harvested by muscle 

biopsy, tolerate ex vivo manipulation, and are easily transduced with viral vectors. 

Furthermore, MDSCs have shown capacity for self-renewal, long-term proliferation, 

immune-privileged behavior [91], and significant bone growth in subcutaneous [92] and 

calvarial implants [93]. 

The brevity of this text precludes a complete description of each of the numerous 

cell sources for bone engineering, allowing only a brief mention of the following. 

Perinatal stem cells, from cord blood, umbilical vein, amniotic fluid, and Wharton’s jelly, 

if used autologously, must be sourced early in life and preserved until use, presenting a 

host of clinical challenges. Other cell types could be transdifferentiated to the osteogenic 
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lineage including human skin fibroblasts; however, this research remains in the early 

stages [71]. Implantation of the described cell types, or induction of their differentiation 

and proliferation to form bone, continues to represent an important aspect of many bone 

engineering strategies. 

The final contributors to the current concept of the bone engineering paradigm are 

tissue inducing substances, otherwise known as bioactive or growth factors. Their role 

can be partially or fully replaced by inclusion of the proper cell phenotype; however, 

their addition has enhanced bone regeneration in numerous investigations. The bone 

engineer, aware of the many bioactive factors described below, studies their 

incorporation into and delivery from biomaterials to optimize bone regeneration.    

Bioactive factors 

There are numerous bioactive factors important to bone engineering, including 

systemic hormones and other cellular cues in addition to numerous growth hormones or 

cytokines. The usefulness of each factor individually and when delivered in a cocktail 

with other factors remains under investigation, but biological details have and should 

continue to help optimize combination and dosing for bone formation. 

The transforming growth factor-# (TGF-#) superfamily consists of numerous 

subgroups that affect osteogenesis. Proteins of the TGF-# subgroup including TGF-#1-5 

play a role in all stages of fracture healing as evidenced by their presence at early stages 

and during chondrocyte proliferation and endochondral ossification and the presence of 

TGF-# receptors in both osteoblasts [94] and chondrocytes [95]. Each of the TGF-# 

proteins exhibits the same functional effect but differ in potency [96]. This may explain 

the presence of TGF-# throughout fracture healing as unique TGF-# proteins are present 

in higher amounts during each stage. TGF-#1 is increased during osteogenesis while 

TGF-#2 and TGF-#3 are increased during chondrogenesis [97]. TGF-#1 stimulates 
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MSCs of the periosteum to differentiate and contribute to intramembranous bone and 

cartilage formation. Lower doses of TGF-#1 and TGF-#2 resulted in a lower ratio of 

cartilage to intramembranous bone formation during fracture healing [98, 99]. Although 

TGF-# administration promotes cellular proliferation and differentiation advantageous 

for bone formation, evidence indicates that positive effects require frequent and high 

dosing, which is difficult to achieve clinically [100]. 

Bone morphogenetic proteins (BMPs) from the TGF-# superfamily contribute 

greatly to current bone engineering strategies. BMPs regulate cell proliferation, 

differentiation, and tissue growth depending highly on dose and duration of exposure. 

High levels of BMP can promote differentiation while low levels promote proliferation of 

MSCs [101]. The BMPs in total are a 30-member family with a multitude of cellular 

effects. Bone-inducing BMPs include BMP-2, -4, -6, -7, and -9 as evidenced by their 

capacity to induce mineralization and increase osteocalcin production in osteoblast cell 

line and to promote orthotopic ossification in mice [102]. Interestingly, BMP-3 inhibits 

bone formation originally induced by BMP-2, -6, and -7 but not bone formation induced 

by BMP-9. BMP-4 may promote bone growth but has achieved contradictory results. 

BMPs function as either homodimers or heterodimers bound by disulfide bridges, and 

evidence suggests that heterodimers may better induce osteogenesis [103]. Recent 

interest and uncertainty in the long-term bioactivity of BMP-2 released in vivo has 

motivated work to test bioactivity from controlled release composites. Notably, BMP-2 

released in vitro maintained bioactivity in culture with preosteoblasts for 12 weeks in 

composites incorporating PLGA microspheres in either gelatin, PPF, or PPF and gelatin 

and 6 weeks for gelatin hydrogels alone [103]. These results suggest the presence of 

clinically relevant levels of BMP-2 bioactivity in studies demonstrating linear BMP-2 

release from gelatin microparticles over 4 weeks in vivo [104]. 
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The fibroblast growth factors (FGFs) are monomeric peptides that affect cell 

migration, angiogenesis, bone development, and epithelial-mesenchymal interactions. 

Basic FGF (FGF-2 or bFGF) is the most abundant type and the most potent stimulator of 

osteoblast proliferation. Studies have shown enhancement of osteogenic differentiation 

by sequential delivery of FGF-2 and BMP-2 to MSC culture [105] demonstrating the 

temporal dependence of growth factor supplementation on bone induction. 

Insulin-like growth factor 1 (IGF-1) is a 70 amino-acid single-chain polypeptide 

released both systemically by the liver and locally by muscle and bone [96]. IGF-1 

stimulates cortical and trabecular bone formation [106]. Furthermore, IGF-1 administered 

systemically over 2 weeks stimulated bone formation in rat calvarial defects [107]. 

Despite the potential bone inducing benefits of IGF-1 administration, its use is limited in 

bone engineering strategies. 

The platelet-derived growth factors (PDGFs) consist of multiple isoforms made 

by homodimeric or heterodimeric disulfide-bridged polypeptides. PDGFs are produced 

by platelets and MSCs and have strong chemotactic and mitogenic effects on osteoblasts 

and their precursors [96]. PDGF stimulates osteogenic differentiation and enhancement 

of bone formation in vivo [108, 109], but much like IGF-1 its use in bone engineering 

strategies is limited. 

The vascular endothelial growth factor (VEGF) family consists of glycosylated 

homodimers between 121 and 206 amino acids in length. It is undetermined whether 

VEGF has a direct osteogenic effect; however, it directly increases endothelial cell and 

endothelial progenitor cell chemotaxis and mitogenesis. This action contributes to 

angiogenesis and vasculogenesis, which have important effects on bone growth [96]. 

Osteoblasts secrete VEGF and have VEGF receptors [110], and VEGF production is 

increased in response to hypoxia via action of hypoxia-inducible transcription factors 
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(HIFs) [111]. Invasion of vascular supply in response to VEGF promotes bone formation 

due to delivery of systemic growth factors, circulating stem cells, and growth-limiting 

nutrients and removal of metabolic waste and material degradation products. In order to 

evaluate the advantages of VEGF in bone engineering applications, a controlled release 

system for VEGF from gelatin microparticles alone and in porous PPF composites was 

developed, and greater than 90% of expected VEGF bioactivity was maintained over 14 

days [112]. 

A growing area of interest in bone engineering is the effect of delivering 

combinations, or cocktails, of growth factors to the site of interest simultaneously or 

sequentially. The main goal is to recapitulate either the local embryonic bone-forming 

environment or the fracture repair environment. It is difficult to assess the effect of 

delivering growth factor combinations in a systematic manner due to the amount of 

additional variables introduced; however, this type of analysis must be present for the 

optimization of this strategy. Several strategies for delivery of multiple growth factors are 

envisioned (Figure 1.2). One such investigation used two different types of sub-micron 

particles, PLGA and poly(3-hydroxybutyrate-co-3-hydroxyvalerate) (PHBV), to release 

BMP-2 and BMP-7, respectively. Fibrous scaffolds incorporating particles designed to 

release BMP-2 and BMP-7 sequentially achieved better MSC differentiation than 

simultaneous delivery of growth factors or delivery of each growth factor independently 

[113]. Another group of studies tested the delivery of BMP-2 and VEGF simultaneously 

from gelatin microparticles suspended in Pluronic F-127, which was injected into porous 

PPF before implantation into rat critical-sized calvarial defects. The investigators found 

that the release of both growth factors or BMP-2 alone resulted in the same amount of 

bone formation at 12 weeks. The bone formation was BMP-2 dose-dependent, and 

increasing the amount of VEGF could not recover bone growth. Dual delivery did 
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however increase the amount of bone formation after 4 weeks, suggesting a synergistic 

effect on early bone formation [114, 115]. Other studies delivering BMP-2 and VEGF 

simultaneously to an orthotopic site were not able to show increased total bone formation 

after 8 weeks [116]. Increased bone formation after 4 weeks has been demonstrated due 

to simultaneous delivery of VEGF and PDGF, but bone formation at later time points was 

not assessed [117]. Overall, the strategy of delivering multiple growth factors is 

promising; however, the complexity of this endeavor has made proving its potential 

somewhat difficult. 

RECENT DEVELOPMENTS 

Nano-scale features 

In the context of this discussion, the nano-scale regime includes those constituent 

elements with size smaller than 100 nm in any dimension. Structural elements of this size 

range are relevant to bone engineering in two primary ways. First, nano-scale features 

impart unique surface properties such as surface topography, chemistry, wettability, and 

energy and in general, a higher surface area to volume ratio. Second, the natural bone 

ECM is nanostructured consisting of 70% nanocrystalline hydroxyapatite (HA), which is 

20-80 nm long and 2-5 nm thick, and a protein-based organic phase with structural 

components on the same scale. Inclusion of nano-scale features in bone engineering 

materials has several basic advantages: increased protein adsorption leading to better cell 

attachment and spreading, a biomimetic 3-D environment leading to enhancement of 

osteogenic differentiation, and doping with stronger materials without compromising the 

underlying structure leading to improved mechanical strength. Nanophase HA (67 nm), 

alumina (24 nm), and titania (39 nm), demonstrated better osteoblast adhesion and 

reduced fibroblast adhesion than conventional formulations of HA (179 nm), alumina 

(167 nm), and titania (4520 nm) with larger grains, and the effect is presumed to result 
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from increased vitronectin adsorption on materials of smaller grain size [118]. Nanophase 

zinc oxide (23 nm) and titania (23 nm) increased matrix mineralization by osteoblasts 

compared to microphase zinc oxide (4900 nm) and titania (4100 nm) [119]. An 

upregulation of osteogenic differentiation occurred for rat MSCs seeded on peptide 

amphiphile (PA) based nanofibrous scaffolds compared to cells cultured on conventional 

plates [120]. Incorporation of ultra-short single-walled carbon nanotubes into porous PPF 

constructs resulted in a three-fold increase in bone ingrowth compared to the polymer 

alone in defects of the rabbit femoral condyle at 12 weeks [121]. HA nanoparticles were 

combined with poly("-caprolactone fumarate) of both amorphous and semi-crystalline 

forms to observe the effect on mechanical properties. As HA concentration was 

increased, the tensile modulus increased and tensile strain at break decreased for both 

groups, and the compressive modulus increased for the amorphous group displaying a 

general increase in mechanical rigidity with nanoparticle addition [122]. Fibrous 

scaffolds have been heavily investigated on the nano-scale including those fabricated by 

templating, electrospinning, phase separation, particulate leaching, chemical etching, and 

3-D printing [123, 124]. Fibrin-based scaffolds with a Ca-P phase were created by 

sphere-templating with fibrin fiber diameter of 40-80 nm. Scaffolds with solution-

deposited Ca-P stimulated osteogenic gene expression and calcium deposition by 

osteoblasts to a higher degree than scaffolds with a Ca-P phase created through direct 

incorporation of nanocrystalline HA. The two groups performed comparably in terms of 

in vivo bone regeneration [125]. These studies demonstrate some of the unique effects of 

nano-scale features on bone cells and bone formation. Innovative areas of study such as 

nano-scale features will continue to be investigated in combination with the traditional 

bone engineering paradigm in order to increase the rate at which technologies are brought 
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to the clinic. Some of the challenges and examples associated with the process of clinical 

translation are described next. 

Clinical translation 

There are currently no cell-based bone engineering products regulated by the 

FDA, although several preclinical studies have been carried out. The cell-based approach 

has been described as isolation of MSCs from the patient, ex vivo expansion, and 

implantation into the same patient in a manner ensuring differentiation and growth of the 

desired tissue [126]. In some cases, besides the implantation of adequate osteogenic cells, 

scaffold, and bioactive factors, the remaining necessity for a successful cell-based 

approach is the presence of a vascular supply at an early stage following implantation. 

Careful evaluation of the animal model should always be made since direct contact with 

vascularized tissues in small animals sometimes enhances bone regeneration more than if 

the same implant were used in a similar location in a human subject. Methods of 

vascularizing bone engineering materials are currently under intense investigation with 

several basic strategies. Researchers attempt to stimulate vessel growth with angiogenic 

factors and/or endothelial cells, engineer bone constructs in vivo and transplant a bone 

flap, or wait to apply cells to the scaffold up to a week after implantation to allow the 

body’s healing response to invade the area with a vascular supply [127]. Additionally, 

many investigations attempt to guide vessel growth by using templating or 3-D printing 

to form the structure of a vascular network within the scaffold before cell seeding and 

implantation. 

Preclinical evaluation of cell-based approaches to bone engineering has been 

carried out on a limited number of patients with various bone defects. Three patients with 

segmental defects of the tibia (4 cm), ulna (4 cm), and humerus (7 cm) were implanted 

with macroporous HA scaffolds seeded with ex vivo expanded MSCs and externally 
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fixated for 6.5, 6, and 13 months, respectively. The defects were repaired with clinically 

adequate integration at 2 months as determined radiographically and with no reports of 

problems between 15 and 27 months; however, the primary evaluation was performed 

using radiographs, and the radiopacity of the HA made this difficult [128]. The patient 

treated for the tibial defect showed complete healing at 7 years with the non-resorbable 

HA scaffold still present [129]. Another study testing implantation of ex vivo expanded 

MSCs for mandibular augmentation resulted in bone formation by the implanted cells in 

only one of six patients [130]. Although human evaluation of cell-based bone engineering 

constructs has been limited during the early development of the discipline, results 

indicate that achieving successful clinical outcomes using cell-based strategies is not only 

highly likely at some point in the future but could occur as soon as the current decade. 

CONCLUSION 

While tissue engineering remains a relatively new field, observation indicates that 

collaboration between various disciplines should greatly enhance innovation and 

advancement due to the common use of multi-faceted strategies. In order to facilitate this 

collaboration, the bone engineer should have a thorough understanding of bone biology 

and associations between the biology and various components incorporated into the 

design of a bone engineering construct, in addition to exhaustive knowledge of 

fundamental engineering principles. Bone shape, structure, composition, and the changes 

in these properties with position and time have corollaries in the design of constructs 

incorporating materials, cells, and bioactive factors, which constitute the tissue 

engineering paradigm. It follows that the tissue engineering paradigm influenced 

biomimetic strategies that have guided numerous successful experimental efforts for over 

two decades and continues to define bone engineering research. Many complex and 

unique interactions result from the combination of a variety of inorganic materials and 
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natural and synthetic polymers, cells from numerous sources, and a multitude of bioactive 

factors. Much anticipated growth is expected to occur in the next few years in terms of 

research effort committed to studying sequential or simultaneous delivery of growth 

factors from a single construct and the design of materials with nano-scale features that 

provide unique biomimetic cell-matrix interactions. Finally, the challenges associated 

with clinical translation of the discussed technologies are vast and mostly unexplored. 

However, historical evidence of preclinical trials evaluating cell-based technologies 

should help direct future translational efforts. Following recent trends, investigators 

should continue to focus on expediting the translation of technologies to the clinic that 

will benefit large patient populations in need of bone healing. 
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FIGURES: 

Figure 1.1: Model of endochondral bone formation demonstrating the stochastic 
influence of numerous molecular regulators. Employing endochondral 
ossification as part of a bone engineering strategy presents certain 
advantages compared to conventional methods including the enhanced 
ability of embryonic stem cells to form bone through this mechanism [131]. 
Reprinted by permission from Macmillan Publishers Ltd: Nat Rev Drug 
Discov, 2002 [20]. 
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Figure 1.2: Model systems for multiple growth factor (GF) delivery. (A) GF1 and GF2 
are encapsulated separately into microspheres, which are entrapped in a 
scaffold for simultaneous or sequential delivery dependent primarily on 
microsphere properties. (B) A diffusive barrier (layer 1) serves as support 
for the layering of a material incorporating GF2 (layer 2) and GF1 (layer 3). 
Delivery is controlled primarily by diffusive distance caused by layering. 
(C) GF2 loaded microspheres are entrapped in a material core while GF1 is 
directly incorporated into a hydrogel shell. Reprinted from Biomaterials, 
2010, with permission from Elsevier [132]. 
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Chapter 2: Synthesis of OPF‡ 

ABSTRACT 

This protocol describes the synthesis of oligo(poly(ethylene glycol) fumarate) 

(OPF) (1-35 kDa)(a polymer useful for tissue engineering applications) by a one-pot 

reaction of poly(ethylene glycol) (PEG) and fumaryl chloride. The procedure involves 

three parts: dichloromethane and PEG are first dried; the reaction step follows in which 

fumaryl chloride and triethylamine are added dropwise to a solution of PEG in 

dichloromethane; and finally the product solution is filtered to remove byproduct salt, 

and the OPF product is twice crystallized, washed, and dried under vacuum. The reaction 

is affected by PEG molecular weight and reactant molar ratio. The OPF product is cross-

linked by radical polymerization by either a thermally induced or UV-induced radical 

initiator, and the physical properties of the OPF oligomer and resulting cross-linked 

hydrogel are easily tailored by varying PEG molecular weight. OPF hydrogels are 

injectable, polymerize in situ, and undergo biodegradation by hydrolysis of ester bonds. 

The expected time required to complete this protocol is 6 days. 

                                                
‡ This chapter was published as Kinard LA, Kasper FK, Mikos AG. Synthesis of oligo(poly(ethylene 
glycol) fumarate). Nat Protoc 2012;7:1219-1227. 
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INTRODUCTION 

PEG-based polymers for tissue engineering 

PEG-based polymers have been developed for tissue engineering applications in 

the form of cross-linked hydrogels, because PEG is biocompatible, non-immunogenic, 

and bio-inert (to cells, tissues, and drugs especially proteins making PEG-based 

hydrogels ideal for protein release purposes). Since PEG alone exhibits negligible affinity 

for cells and biological molecules, numerous specific modulators of cell and tissue 

behavior can be designed into PEG-based hydrogels by incorporation of cell-binding 

peptides or cell-modulating growth factors. The incorporation of peptides and/or growth 

factors can enhance the biological activity of PEG-based biomaterials for tissue-specific 

applications, an advantage in tissue engineering. PEG hydrogels are not intrinsically 

degradable; however, degradable segments such as fumarates, polyesters, acetals, 

disulfides, and enzyme-sensitive peptides can be incorporated [133], making it possible 

to adjust the degradation rate of the material to fit its intended application and providing 

unique physicochemical properties. OPF is a PEG-based oligomer featuring degradable 

fumarate ester groups and is the focus of this protocol. Other PEG-based hydrogels 

featuring fumarate groups include poly(propylene fumarate-co-ethylene glycol) [134] and 

poly(lactide-co-ethylene oxide-co-fumarate) [135] (The relative advantages and 

limitations are summarized in Table 2.1). 

OPF and its applications 

Oligo(poly(ethylene glycol) fumarate) is a linear polyester based on the 

condensation polymerization between PEG and fumaryl chloride in the presence of 

triethylamine as a proton scavenger (Figure 2.1). The condensation polymerization 

(carried out with the reactant feed ratio specified herein) preferably results in the 



 

 

31 

formation of OPF with PEG end groups as demonstrated previously [136]. The number of 

PEG molecules incorporated into the OPF oligomer depends strongly on steric 

considerations since higher molecular weight PEG molecules obstruct the addition of 

fumarate groups to their ends. Therefore, as PEG molecular weight increases, fewer PEG 

molecules are incorporated into each oligomer and more PEG remains unreacted. During 

hydrogel fabrication, OPF forms cross-links between fumarate double bonds in the 

oligomer backbone. The non-polarized double bond of the fumarate ester group in OPF is 

far less reactive than acrylic acid esters (e.g. PEG-diacrylate) or amides (e.g. N,N’-

methylene bisacrylamide). Therefore cross-linker molecules are typically added to 

facilitate the cross-linking reaction and reduce the cross-linking time. An advantage of 

using OPF as a starting material for hydrogel fabrication, an advantage that applies to 

PEG-based polymers in general, is that the finite chain length of each PEG block results 

in a fixed distance between cross-links in OPF hydrogels with the assumption that all the 

fumarate segments are consumed in cross-linking. This makes control of the hydrogel 

structure highly precise and responsive to changes in the molecular weight of the PEG 

starting material [137]. OPF oligomers are composed of PEG-fumaric acid units that 

undergo ester hydrolysis to break down into their constituent parts. The body processes 

the fumaric acid byproducts by natural mechanisms since fumaric acid is intrinsically 

present as a component of the Krebs cycle. The minimal cytotoxicity of OPF oligomers 

and degradation products has been demonstrated experimentally [138]. Research studies 

have investigated the physicochemical properties of cross-linked OPF hydrogels [137, 

139]. OPF has shown the capacity to support tissue formation in bone [140, 141], 

cartilage [142], osteochondral [143-145], tendon [146], cardiovascular [147], ocular 

[148], and neural tissue engineering [149]. Furthermore, OPF hydrogels have supported 

the encapsulation of various cell types including mesenchymal stem cells [150], 
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chondrocytes [151], embryonic stem cells [147], primary tendon/ligament fibroblasts 

[152], pigment epithelial cells [148], and Schwann cells [149]. In addition to cell 

encapsulation, OPF hydrogels have been tested for the delivery of growth factors [142-

145, 151, 153-159], plasmid DNA [160-163], small molecules [149], nanoparticles [164], 

and chemotherapeutics [165]. Additional studies have demonstrated techniques for 

modifying OPF hydrogels with cell-binding moieties [166-171] as well as with 

osteoconductive domains [166, 172].  

Overview of the synthesis of OPF 

In preparation for the reaction step, various reagents (dichloromethane and PEG) 

must be treated to remove water in order to improve the reaction conversion and increase 

the molecular weight of the OPF product. The reaction step is prepared by combining 

anhydrous dichloromethane and dried PEG (toluene containing PEG melt). The reaction 

is carried out in an inert atmosphere (system is purged with nitrogen gas) in a single step 

by adding separate solutions of triethylamine and fumaryl chloride (in anhydrous 

dichloromethane) dropwise to the stirring solution of PEG at 0°C. After addition is 

completed, the reaction mixture is left to stir at room temperature for 48 h as the reaction 

proceeds. Purification of the OPF product occurs through removal of dichloromethane by 

rotary evaporation under reduced pressure followed by removal of triethylamine 

hydrochloride salt by filtration after precipitating the salt in ethyl acetate at 40°C. 

Triethylamine hydrochloride salt is produced by the reaction between chloride ions from 

fumaryl chloride and triethylamine. Further purification of the OPF product involves 

twice crystallization of the oligomer in ethyl acetate by reducing the temperature of the 

solution to 0°C. Following filtration of the recrystallized mixture, the purified OPF 

product is washed in ethyl ether. Finally, the OPF product is dried under reduced pressure 
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resulting in the formation of a powder. The timing of the procedure is summarized in 

Table 2.2. 

Experimental design 

This protocol describes the synthesis of OPF in a one-pot reaction. This protocol 

involves certain critical steps that are required in order to achieve high conversion and 

high molecular weight OPF oligomer product. The optimum ratio of moles of PEG, 

fumaryl chloride, and triethylamine should be used as indicated; reactants of high purity 

should be purchased and further purified as specified, and care should be taken to 

implement the reaction under an inert atmosphere to the exclusion of water. OPF 

produced using the methods described herein is suitable for investigational use in 

biomedical applications including formation of injectable, biodegradable hydrogels for 

cell encapsulation, as scaffolds for tissue engineering, and as drug delivery vehicles. The 

OPF oligomer consists only of biocompatible units, and therefore, the degradation 

products are anticipated to be biocompatible, and this has been demonstrated through in 

vivo studies [140, 145, 147-149, 153, 154, 161, 163, 173].  

The reactant ratios specified in this protocol were optimized experimentally by 

measuring the degree of oligomerization and conversion of OPF [136]. Other reactant 

ratios could be used to achieve different end groups or alternative molecular weight 

distributions. Fumaryl chloride and triethylamine were reacted with PEG (1 mol PEG/0.9 

mol fumaryl chloride and 1 mol fumaryl chloride/2 mol triethylamine). These ratios 

provide a 10% molar excess of PEG in the condensation reaction with fumaryl chloride 

and enough triethylamine to remove two chloride ions from each fumaryl chloride 

molecule.  

The molecular weight of the OPF oligomers depends on PEG molecular weight, 

reactant molar ratio, reactant purity, and reaction time. Typical number average and 
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weight average molecular weights of OPF synthesized according to this protocol are 

listed in Table 2.3.  

While this protocol focuses on the synthesis of OPF, a brief description of cross-

linking methods is instructive. OPF hydrogels are formed by radical polymerization in 

the presence of either a thermally induced or UV-induced radical initiator. Thermally 

induced radical initiators used for OPF hydrogel cross-linking include the water-soluble 

redox pairs ammonium persulfate/N,N,N’,N’-tetramethylethylenediamine [141, 155] and 

ammonium persulfate/ascorbic acid [136, 137], but other combinations of oxidizing 

agents (sodium persulfate) and reducing agents (sodium ascorbate, magnesium ascorbate-

2-phosphate) can be envisioned [174]. UV-induced radical initiators used for OPF 

hydrogel cross-linking include bis(2,4,6-trimethylbenzyl)phenylphosphine oxide [136, 

167] and Irgacure 2959 [152, 175] although many photoinitiators are available. 

Additionally, cross-linking molecules are often used in OPF hydrogel fabrication to 

reduce cross-linking time and provide suitable handling characteristics for injectable 

applications. Cross-linkers used in OPF hydrogel fabrication include PEG-diacrylate (Mn 

= 575 Da, 3,400 Da) [138], N,N’-methylene bisacrylamide [155, 157], and N-

vinylpyrrolidone [175]. In this way, OPF hydrogels can be fabricated using a variety of 

formulations providing a wide range of tunable properties that can be controlled as 

needed for certain applications from cell encapsulation to therapeutic molecule delivery. 

One can find in the literature the hydrogel formulation that would be most appropriate for 

their specific application.  

MATERIALS 

Reagents 
• "#$%&'(!)*+,&+-.!/012!34&5(#67$+,&%)!"89.!%#:9!;89!<=>=<?6@==AB!
• C&%)$8,8(-:)#;-.!/00912.!7"4!%-,:&D&-+!3EFC.!%#:9!;89!CG=>H161B!
• E:)*$!#%-:#:-.!/00912.!7"4!%-,:&D&-+!34&5(#67$+,&%)!"89.!%#:9!;89!H@00=<6IJB!
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• E:)*$!-:)-,!3#;)*+,8'KB.!/009=2.!7"4!%-,:&D&-+!3EFC.!%#:9!;89!EG=@0=61B!
• L'(#,*$!%)$8,&+-.!/0I2!37%,8K.!%#:9!;89!@M10?1===B!
• N;+&%#:&;5!C,&-,&:-!3O979!P#((8;+!C,&-,&:-!"89.!%#:!;89!<H==1.!>!(-K)B!
• Q&:,85-;!5#K!3Q<35#KBB.!'$:,#6)&5)!R',&:*.!/0090002!3F#:)-K8;!S,&6A#KB!
• Q&:,85-;!$&T'&+!3F#:)-K8;!S,&6A#KB!
• U8$*3-:)*$-;-!5$*%8$B!34&5(#67$+,&%)!"89.!%#:9!;89!UH1@161==A!3@!VC#B.!UIHH>6

1==A!3H!VC#B.!UMMM?61==A!3@=!VC#B.!>@H@=6@WA!3H1!VC#BB!
• S8$'-;-.!/00912.!7"4!%-,:&D&-+!3L&K)-,!4%&-;:&D&%.!%#:9!;89!SH<I6IB!
• S,&-:)*$#(&;-.!/002!34&5(#67$+,&%)!"89.!%#:9!;89!S=>>M6@==FJB!

Equipment 
• 7++&:&8;!D';;-$.!5,#+'#:-+!X&:)!K:8R%8%V!#;+!R,-KK',-!-T'#$&Y&;5!#,(!3@<1!(JB!

3")-(5$#KK.!%#:9!;89!"A6@?@=6=<B!3<B!
• Z#$$88;!
• Z#,,-::!+&K:&$$&;5!,-%-&[-,!X&:)!K:8R%8%V!3<=!(JB!3"8,;&;5.!%#:9!;89!HM<<6<=B!
• Z-#V-,!3@!JB!
• Z-#V-,!3<1=!(JB!
• Z'%);-,!D';;-$!311=!(JB!3L&K)-,!4%&-;:&D&%.!%#:9!;89!@=6H1ME.!"88,KS-V!;89!

M=<IIB!
• "8;+-;K-,!3")-(5$#KK.!%#:9!;89!"A6@<@>6=?B!
• C&K:&$$#:&8;!#+#R:-,!3")-(5$#KK.!%#:9!;89!"A6@=<I6=@B!
• C,*&;5!:'\-.!]^_!K)#R-+!3")-(5$#KK.!%#:9!;89!"A6@<0M6=@B!
• L&$:-,!R#R-,!3O)#:(#;!;89!I=!7K)$-KK!"&,%$-K.!%#:9!;89!@II=!@@=B!
• L$8X!%8;:,8$!#+#R:-,!5$#KK!K:8R%8%V!30=`B!3O&$(#+!J#\A$#KK.!%#:9!;89!NA60=6@=IB!
• A$#KK!K:8RR-,K!
• A$#KK!:)-,(8(-:-,!3@=aH=B!3O&$(#+!J#\A$#KK.!%#:9!;89!JA6@=1@16@=MB!
• AU"!&;K:,'(-;:!3O#:-,K!1@=!PUJ"!U'(R!-T'&RR-+!X&:)!#!O#:-,K!U'(R!"8;:,8$!

F8+'$-b!O#:-,K!?@?!7':8K#(R$-,b!O#:-,K!I>M!S';#\$-!7\K8,\#;%-!C-:-%:8,b!
O#:-,K!I@=!C&DD-,-;:&#$!c-D,#%:8(-:-,B!3O#:-,KB!

• A,#+'#:-+!%*$&;+-,!3@!JB!
• A,#+'#:-+!%*$&;+-,!3@==!(JB!
• P-#:&;5!(#;:$-!3@===!(JB!3A$#K6"8$.!%#:9!;89!dI=>B!
• P&5)![#%''(!R'(R!
• N%-!\#:)!
• N;K'$#:&;5!X88$!
• J#\8,#:8,*!%$#(RK!
• J#,5-!(#5;-:&%!K:&,!\#,K!3USLEB!
• F#5;-:&%!K:&,!R$#:-!
• d;-6;-%V-+!,8';+6\8::8(-+!D$#KV!3@!JB!3<B!
• d;-6;-%V-+!,8';+6\8::8(-+!D$#KV!3@==!(JB!
• U&R-::-!:&RK!3@!(JB!
• U&R-::-,!3@!(JB!
• U$#K:&%!K*,&;5-!3@!(JB!
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• c8:#,*!-[#R8,#:8,!3Z'%)&!c8:#[#R8,!c6<==.!Z'%)&!e#%''(!"8;:,8$$-,!e6>==.!
Z'%)&!e#%!e61==.!Z'%)&!P-#:&;5!Z#:)!Z6I0=B!3Z'%)&B!

• c'\\-,!D&::&;5!D8,!Z'%);-,!D';;-$!
• c'\\-,!:'\&;5!
• 4*,&;5-!;--+$-!3<?A@a<B!
• S),--6;-%V-+!,8';+6\8::8(-+!D$#KV!3@!JB!
• S),--6X#*!@<=`!#;5$-!%8;;-%:&;5!#+#R:-,!3"8,;&;5.!%#:9!;89!0=<@6<IB!
• S,#;KD8,(-,!3O#,;-,!E$-%:,&%.!%#:9!;89!HUQ@@M"B!
• e#%''(!D$#KV!3@!JB!
• e#%''(!D$#KV!3<!JB!
• e#%''(!5,-#K-!
• e#%''(!,#:-+!+-K&%%#:8,!3"8,;&;5.!%#:9!;89!H@<@6@1=B!
• e#%''(!:,#R!3")-(5$#KK.!%#:9!;89!"A6I1@I6=@B!

Equipment setup 

Preparation of glassware 
• S)8,8'5)$*!%$-#;!#;+!+,*!#$$!5$#KKX#,-!8[-,;&5):!3@<!)B!&;!#;!8[-;!3@==`"B9!

PROCEDURE 

Synthesis of OPF: drying of dichloromethane 

TIMING ~3 h 
1 Add calcium hydride (20 g) and dichloromethane (700 mL) into a one-necked 

round-bottomed flask (1 L) and fit the round-bottomed flask with a condenser and 

drying tube filled with drierite (Figure 2.2). 

CAUTION Calcium hydride and dichloromethane are irritating and/or harmful if 

exposed to the skin or inhaled. Calcium hydride releases flammable gases upon 

contact with water. Conduct all work in a chemical fume hood. Proper personal 

protective equipment (lab coat, nitrile gloves, and safety glasses) should be worn 

throughout the procedure. 
2 Stir the mixture using a magnetic stir bar. 

3 Heat the reaction flask to 60°C using a heating mantle and reflux at 60°C for 2 h. 

Under these conditions, calcium hydride reacts with water to form calcium 
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hydroxide and hydrogen gas. The hydrogen gas is allowed to escape from the 

system through a drying tube. 

4 After 2 h, cool the reaction flask to room temperature (20-25°C). 

PAUSE POINT Once cooled, the dichloromethane/calcium hydride mixture may 

be sealed and stored overnight in the fume hood, if necessary. 

Synthesis of OPF: distillation of dichloromethane 

TIMING ~6 h 
5 Attach the flask from Step 4 to the apparatus shown in Figure 2.3 with a 100 mL 

receiving flask. 

6 Stir the mixture using a magnetic stir bar and heat the reaction flask to 80°C using 

a heating mantle. 

7 Collect the first 30 mL distillate in the 100 mL receiving flask and then replace 

with a 1000 mL receiving flask. 

CRITICAL STEP The first 30 mL distillate may contain residual water and 

should be discarded. 
8 Continue heating until ~600 mL anhydrous dichloromethane has been collected in 

the receiving flask. 

9 Once the desired amount of anhydrous dichloromethane has been collected, cool 

the reaction flask to room temperature. 

10 Once cooled, seal the flask with the remaining mixture from step 1 and store in 

the fume hood awaiting either reuse of unreacted calcium hydride or disposal. 

PAUSE POINT The receiving flask containing the anhydrous dichloromethane 

distillate may be sealed and stored in the fume hood until Step 17, if necessary. 
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Synthesis of OPF: drying of PEG 

TIMING ~2 h  
11 Add PEG (50 g) (1 kDa, 3 kDa, 10 kDa, or 35 kDa depending on the synthesis 

plan) and toluene (200 mL) into a one-necked round-bottomed flask (1 L) (Figure 

2.4). (Note: This protocol will produce ~40 g OPF.) 

CAUTION Toluene is irritating and/or harmful if exposed to the skin or inhaled. 

Conduct all work in a chemical fume hood. Proper personal protective equipment 

(lab coat, nitrile gloves, and safety glasses) should be worn throughout the 

procedure. 
12 Stir the mixture using a magnetic stir bar. 

13 Heat the reaction flask to 170°C using a heating mantle. 

14 Measure the distillate using the Barrett distilling receiver and collect the distillate 

into a 250 mL beaker for disposal. 

15 Continue heating until 180 mL distillate has been collected. 

16 Once the desired amount of distillate has been collected, cool the reaction flask to 

room temperature and collect any subsequent distillate. 

PAUSE POINT Once cooled, the reaction flask may be sealed and stored in the 

fume hood until Step 17, if necessary. 

Synthesis of OPF: initiate reaction 

TIMING ~4.5 h 
17 Add 320 mL anhydrous dichloromethane to the dried PEG (Figure 2.5). 

18 Stir the mixture using a magnetic stir bar until the PEG dissolves. 

19 Transfer the PEG solution to a three-necked round-bottomed flask (1 L). 
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20 Mix anhydrous fumaryl chloride (1 mol PEG/0.9 mol fumaryl chloride) with 30 

mL anhydrous dichloromethane in an addition funnel with a stopcock and 

pressure equalizing arm. (PEG [mol] = 50 g / Mn [g/mol]) (Note: Fumaryl 

chloride is always used in the anhydrous state since it reacts with water to form 

HCl and fumaric acid. Fumaryl chloride is distilled at 161°C, purified from its 

byproducts, and stored under nitrogen prior to its use.) 

CAUTION Fumaryl chloride is irritating and/or harmful if exposed to the skin or 

inhaled. Conduct all work in a chemical fume hood. Proper personal protective 

equipment (lab coat, nitrile gloves, and safety glasses) should be worn throughout 

the procedure. 
21 Mix triethylamine (1 mol fumaryl chloride/2 mol triethylamine) with 30 mL 

anhydrous dichloromethane in a second addition funnel with a stopcock and 

pressure equalizing arm. 

CAUTION Triethylamine is irritating and/or harmful if exposed to the skin or 

inhaled. Conduct all work in a chemical fume hood. Proper personal protective 

equipment (lab coat, nitrile gloves, and safety glasses) should be worn throughout 

the procedure. 

CRITICAL STEP The recommended molar ratios of PEG, fumaryl chloride, and 

triethylamine have been optimized for high OPF conversion and should be 

followed precisely to achieve the expected results from this protocol. 
22 Fill the balloon attached to the flow control adapter with N2(gas). 

23 Purge the system with N2(gas) from the balloon by opening the valve on the flow 

control adapter and allowing the ungreased glass stoppers on the addition funnels 

to lift gently. 
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24 Initiate rapid stirring (~9) of the PEG solution using a magnetic stir bar. 

25 Cool the reaction flask in an ice bath. 

26 Initiate a slow drip of triethylamine (~0.2 Hz). 

27 Initiate a slow drip of fumaryl chloride to match the drip rate of triethylamine as 

closely as possible. 

CRITICAL STEP In order to achieve precise control of the addition rate, the 

addition funnel can be outfitted with a stopcock featuring a threaded needle valve. 

With this apparatus the stopcock can be left in the open position and all flow 

adjustments can be made using the needle valve to avoid excess addition at the 

beginning of the reaction and tedious adjustment thereafter. 
28 Continue the addition of fumaryl chloride and triethylamine for 3 h. 

CRITICAL STEP An equal and slow rate of addition of fumaryl chloride and 

triethylamine improves OPF conversion. Continued addition for at least 3 h 

results in OPF oligomers with approximate molecular weights to those listed in 

Table 2.3. 
29 Once dripping has completed, replace the addition funnels with glass stoppers and 

continue cooling the reaction flask in the ice bath for 30 min. 

CRITICAL STEP The color of the reaction solution will transition from 

colorless to black during addition of fumaryl chloride and triethylamine. While 

this protocol describes our preferred method of OPF synthesis, an alternative 

approach has been developed that benefited from a report using potassium 

carbonate (K2CO3) as a proton scavenger in PPF synthesis [176]. The alternative 

approach uses K2CO3 instead of triethylamine as the proton scavenger [177], 
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which avoids the formation of colored complexes between triethylamine and 

fumaryl chloride [178]. 
30 After stirring for 30 min, remove the reaction flask from the ice bath and continue 

stirring at room temperature for 48 h. 

Purification of OPF: workup 

TIMING ~9.5 h 
31 Transfer the reacted OPF product to a one-necked round-bottomed flask (1 L). 

32 Remove dichloromethane from the oligomer solution through rotary evaporation 

at reduced pressure (500 mbar) using a rotary evaporator and heated water bath 

(30°C). 

33 Continue rotary evaporation until ~400 mL dichloromethane is collected. 

PAUSE POINT The flask containing the reacted OPF product may be sealed and 

stored overnight in the fume hood, if necessary. 
34 Add ethyl acetate (700 mL) to the oligomer solution. 

CAUTION Ethyl acetate is irritating and/or harmful if exposed to the skin or 

inhaled. Conduct all work in a chemical fume hood. Proper personal protective 

equipment (lab coat, nitrile gloves, and safety glasses) should be worn throughout 

the procedure. 
35 Stir the mixture using a magnetic stir bar and heat the solution to 40°C using a 

heating mantle. 

36 After the solution has reached 40°C, continue heating for 30 min. 

37 Set up an apparatus for vacuum filtration using a vacuum flask (1 L) and Buchner 

funnel with no. 40 filter paper. 
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38 Filter the reacted OPF product to collect salt in the filter and desalted product in 

the flask. 

39 Place the flask in an ice bath and allow the OPF product to crystallize for 2 h. 

40 Filter the crystallized product using vacuum filtration (1 L vacuum flask, no. 40 

filter paper) to collect the product in the filter. 

41 Recrystallize the OPF product according to Steps 39-40: dissolve in ethyl acetate 

(1 L) under stirring at 40°C for 20 min, precipitate on ice for 2 h, and collect by 

filtration. 

42 Transfer the product to a beaker (1 L) and add ethyl ether (500 mL). 

CAUTION Ethyl ether is irritating and/or harmful if exposed to the skin or 

inhaled. Conduct all work in a chemical fume hood. Proper personal protective 

equipment (lab coat, nitrile gloves, and safety glasses) should be worn throughout 

the procedure. 
43 Stir the mixture using a magnetic stir bar for 10 min. 

44 Filter the product using vacuum filtration (2 L vacuum flask, no. 40 filter paper) 

to collect the product in the filter. 

45 Wash the product three times with ethyl ether (1 L total). 

46 Following the final wash step let the product air dry for 10 min, and transfer the 

OPF product to a glass jar. 

CRITICAL STEP The OPF product should appear as a light-brown, dry powder. 

TROUBLESHOOTING 

PAUSE POINT The product may be sealed and stored overnight in the fume 

hood, if necessary. 
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Purification of OPF: drying 

TIMING ~10 h 
47 Complete drying of the product in a vacuum rated desiccator under high vacuum 

for at least 10 h. 

CAUTION The vacuum apparatus should be equipped with a liquid nitrogen-

cooled vacuum trap to collect potentially harmful volatile compounds. 
48 After ~10 h of drying, purge the jar with N2(gas). 

CRTICAL STEP Purging the OPF product with N2(gas) prevents hydrolytic 

degradation of the OPF oligomers while in storage. 

PAUSE POINT Store the OPF product at -20°C. 

Determination of the molecular weight of OPF 

TIMING ~8 h 
49 Determine the molecular weight of the OPF product using GPC with an 

appropriate column at 30°C and a flow rate of 1.0 mL min-1 with degassed 

chloroform as the eluent. For systems using a refractive index detector, the 

molecular weight distributions should be determined relative to a calibration 

curve generated from PEG standards. (Note: Both GPC and NMR can be used to 

determine OPF molecular weight, and the values are typically in agreement 

[136].) 

NMR analysis of OPF 

TIMING ~1 h 
50 Confirm the incorporation of fumarate monomers into the OPF oligomer using 1H 

NMR (Bruker 400 MHz NMR spectrometer) in CDCl3. A representative 1H NMR 

spectrum for OPF is shown in Figure 2.6. (Note: For a more thorough NMR 



 

 

44 

analysis including an analysis of the polymer end groups, one should refer to a 

previously published report [136].) 

CRITICAL STEP 1H NMR should be used to confirm the absence of obvious 

contaminants in the OPF product. 

TROUBLESHOOTING 

TIMING 

The expected timeline for this protocol is presented in Table 2.2. 

TROUBLESHOOTING 

Troubleshooting advice can be found in Table 2.4.  

ANTICIPATED RESULTS 
• S*R&%#$!*&-$+K!#,-!fI=!5!dUL!R-,!1=!5!UEA!R,-%',K8,9!
• 7;:&%&R#:-+!;'(\-,!#[-,#5-!#;+!X-&5):!#[-,#5-!(8$-%'$#,!X-&5):K!8D!dUL!

,-$#:&[-!:8!UEA!K:#;+#,+K!#,-!$&K:-+!&;!S#\$-!<9H9!
• 7!:*R&%#$!@P!QFc!KR-%:,'(!D8,!dULHW!&K!K)8X;!&;!L&5',-!<9M9!
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FIGURES AND TABLES: 

Table 2.1: Comparison of typical PEG-based, fumarate-containing hydrogels under 
investigation for biomedical applications. 

Polymer Advantages Limitations 
Oligo(poly(ethylene 
glycol) fumarate) 

Finite molecular weight between cross-
links and finite mesh size based on 
PEG molecular weight assuming total 
consumption of fumarate groups during 
cross-linking [137] 
Control of tensile modulus by varying 
PEG molecular weight [137] 
Minimal cytotoxicity of OPF oligomers 
and hydrogel degradation products 
[138] 
Excellent biocompatibility in vivo [173] 

Methods to control physical properties 
less multifarious than PEG-based 
fumarate di-block and tri-block 
copolymers 

Poly(propylene 
fumarate-co-
ethylene glycol) 

Control of hydrophilic/hydrophobic 
balance through copolymer ratio and 
block length [179] 
Control of ultimate tensile stress and 
tensile modulus by varying copolymer 
ratio and block length [180] 
Excellent biocompatibility in vivo [181] 
Ability to undergo temperature-
responsive gel formation at body 
temperature [182] 

Variable molecular weight between 
cross-links and variable mesh size due to 
variation in PPF block length 
Increased cytotoxicity and acute 
inflammation with lower copolymer 
ratio of PEG to PPF or with lower 
molecular weight PEG [181] 

Poly(lactide-co-
ethylene oxide-co-
fumarate) 

Control of hydrophilic/hydrophobic 
balance through copolymer ratio and 
block length [135] 

Variable molecular weight between 
cross-links and variable mesh size due to 
variation in PLA block length 
Tensile mechanical properties not 
quantified 
Moderate cytotoxicity of media 
conditioned with hydrogel sol fraction 
[183] 
In vivo biocompatibility not investigated 
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Table 2.2: Expected timing for the synthesis and purification of OPF. 

Day Task Time (h) 

1 Synthesis of OPF: drying of dichloromethane 

Synthesis of OPF: distillation of dichloromethane 

Synthesis of OPF: drying of PEG 

3 

6 

2 

2 Synthesis of OPF: initiate reaction 4.5 

2-4 Synthesis of OPF: reaction 48 

4 Purification of OPF: workup 9.5 

5 Purification of OPF: drying 10 

6 Determination of the molecular weight of OPF 

NMR analysis of OPF 

8 

1 
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Table 2.3: Typical number average and weight average molecular weights of the PEG 
precursor and of the OPF product synthesized according to this protocol as 
determined by gel permeation chromatography based on a calibration curve 
from PEG standards [158]. 

 PEG OPF 

 Mn (Da) Mw (Da) Mn (Da) Mw (Da) 

1K 860 ± 30 1,000 ± 30 2,930 ± 90 15,560 ± 490 

3K 2,900 ± 90 3,390 ± 100 4,290 ± 140 39,540 ± 1,250 

10K 8,870 ± 280 11,570 ± 360 9,230 ± 300 64,970 ± 2,110 

35K 38,380 ± 1,310 62,170 ± 2,110 41,520 ± 1,570 125,580 ± 4,750 
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Table 2.4: Troubleshooting table. 

Step Problem Possible cause Solution 

46 OPF product is in the 

form of small, rigid 

chunks instead of a fine, 

dry powder  

Residual solvents not 

removed during workup 

are retained in polymer 

Repeat purification steps 

(34-50) using ubiquitous 

amounts of ethyl ether 

to wash the polymer in 

step 45 while also 

physically crushing 

polymer chunks  

50  

 

Residual toluene present 

in the final OPF product 
1H NMR [300 MHz, 

CDCl3]: % 2.36 (s, 3H, -

CH3), 7.17 (m, 3H, -CH- 

o/p), 7.25 (m, 2H, -CH- 

m) 

Toluene not completely 

removed during 

purification 

Repeat purification steps 

(34-50) 
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Figure 2.1: Synthesis of oligo(poly(ethylene glycol) fumarate) from poly(ethylene glycol) 
and fumaryl chloride in the presence of triethylamine. 
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Figure 2.2: Apparatus for Synthesis of OPF: drying of dichloromethane (used in Steps 1-
4). 
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Figure 2.3: Apparatus for Synthesis of OPF: distillation of dichloromethane (used in 
Steps 5-10). Note that the apparatus features a 100 mL receiving flask in 
Steps 5-7 and a 1000 mL receiving flask in Steps 8-10. 



 

 

52 

 

 

Figure 2.4: Apparatus for Synthesis of OPF: drying of PEG (used in Steps 11-16). 
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Figure 2.5: Apparatus for Synthesis of OPF: initiate reaction (used in Steps 17-30). 
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Figure 2.6: A typical 1H NMR spectrum (400 MHz, CDCl3, ambient temperature) of 
OPF3K showing chemical shifts of important peaks. 
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Chapter 3: Bone Morphogenetic Protein-2 Release from Composite 
Hydrogels of Oligo(poly(ethylene glycol) fumarate) and Gelatin‡ 

ABSTRACT 

Hydrogel composites of oligo(poly(ethylene glycol) fumarate) (OPF) and gelatin 

microparticles (GMs) were investigated as carriers of bone morphogenetic protein-2 

(BMP-2) for bone tissue engineering applications. Hydrogel composites with different 

physical characteristics were prepared by changing the amount and type (acidic vs. basic) 

of gelatin incorporated in the OPF bulk phase. Composites with differing physical 

properties (degradation, swelling, and mechanical properties) and differing BMP-2 

loading phase were investigated to determine the effect of these factors on BMP-2 release 

profiles over 28 days. Overall, higher gelatin amount increased the degradation and 

swelling of composites, and acidic GMs further increased the degradation and swelling 

and reduced the compressive modulus of the composites. The most significant factor 

affecting the release of BMP-2 from composites was the loading phase of the growth 

factor: GM loading reduced the burst release, increased BMP-2 release during the later 

phases of the experiment, and increased the cumulative release in faster degrading 

samples. The results indicate that the physical properties and the BMP-2 release kinetics 

of hydrogel composites can be controlled by adjusting multiple parameters at the time of 

the hydrogel composite fabrication. 

                                                
‡ This chapter was published as Kinard LA, Chu CY, Tabata Y, Kasper FK, Mikos AG. Bone 
morphogenetic protein-2 release from composite hydrogels of oligo(poly(ethylene glycol) fumarate) and 
gelatin. Pharm Res 2013;30:2332-2343. 
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INTRODUCTION 

Craniofacial bone injury or loss is a common result of trauma or tumor resection 

[184]. However, current treatments are not ideal, as bone autografts result in significant 

morbidity to the patient and allografts risk disease transmission and have limited 

availability. Thus, biomaterials to regenerate bone are in high demand [185]. Injectable 

biomaterials are favorable due to their noninvasive application and propensity for 

contouring to the existing bone surface, which is of unique interest to the clinical 

treatment of facial bone deformities [186]. 

Injectable biomaterials have been developed that meet the most basic design 

needs for craniofacial bone regeneration, i.e., in situ formed and biocompatible [186]. 

However, the underlying mechanisms for augmenting craniofacial bone and maintaining 

the height of this bone long-term are not adequately established for tissue engineers to 

design and manufacture biomaterials that consistently meet the requirements inherent to 

this specific application [187]. Towards addressing this need, development is ongoing of 

an injectable, osteoinductive, composite hydrogel scaffold for bone augmentation. 

Oligo(poly(ethylene glycol) fumarate) (OPF) is an in situ cross-linkable, 

cytocompatible, and minimally inflammatory injectable hydrogel that is appropriate for 

tissue engineering applications of many types [188]. The incorporation of gelatin to form 

an OPF composite construct provides the hydrogel scaffolds with macroporosity and cell 

binding domains, which are essential to tissue formation. Composites of OPF and GMs 

offer advantages of both synthetic and naturally derived polymers including the 

reproducible manufacture and tunable properties of OPF and the biocompatibility and 

natural protein affinity of gelatin [188]. 
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Based on the scope of the present work, bone morphogenetic protein-2 (BMP-2) 

was identified as the leading candidate to elicit an osteoinductive tissue response. BMP-2, 

a potent osteoinductive factor, promotes ectopic ossification as well as osteogenic 

differentiation of mesenchymal stem cells [189, 190]. In order to maximize the 

osteogenic effect of BMP-2 for tissue engineering, drug carriers have been designed to 

control and localize its release while also maintaining bioactivity of the protein in vivo. 

BMP-2 delivery has been characterized from various biomaterials including inorganic 

materials, synthetic and naturally derived polymers, and composites [191], and sustained 

BMP-2 release has been achieved [192-195]. 

This work is the first to investigate the release of BMP-2 from OPF hydrogels and 

the first to study the effect of increased gelatin loading and change in gelatin type on the 

physical properties of OPF-GM composites. Therefore to enable the design of such a 

biomaterial, the specific hypotheses of this work were as follows: (1) Both the amount 

and type (acidic vs. basic) of gelatin incorporated will affect the composite physical 

properties (degradation, swelling, and mechanical properties), (2) Modifying the 

composite physical properties will control the kinetics of BMP-2 release from composites 

(burst release, average rate of release during the various phases, and final cumulative 

release), and (3) Changing the loading phase of BMP-2 will further control the kinetics of 

BMP-2 release. 

MATERIALS AND METHODS 

Experimental design 

Composite scaffolds consisting of OPF and GMs were evaluated for their physical 

properties and for controlled release of BMP-2. In order to generalize the results and 

provide a model for the behavior of similar systems, a full factorial design was developed 

in which acidic (pI = 5.0) and basic (pI = 9.0) GMs were incorporated into composite 
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scaffolds at two concentrations: 0.22 g GMs/g OPF and 0.44 g GMs/g OPF on a dry 

basis. Additionally, BMP-2 was loaded into two separate phases of the composite 

scaffolds: bulk OPF phase and GM phase.  

OPF synthesis and characterization 

OPF was synthesized according to an established procedure [136, 188]. 

Dichloromethane (EMD, Billerica, MA) was dried by refluxing in the presence of 

calcium hydride (Sigma Aldrich, St. Louis, MO) and distilled to yield the anhydrous 

product. PEG with nominal number average molecular weight of 3,350 Da (Sigma 

Aldrich, St. Louis, MO) was dried by distillation in toluene (Fisher Scientific, Waltham, 

MA) and dissolved in anhydrous dichloromethane. Triethylamine (Sigma Aldrich, St. 

Louis, MO) and fumaryl chloride (Acros, Geel, Belgium) were added dropwise to the 

PEG solution, and the reaction was allowed to proceed for 2 days. The product was 

purified by removal of dichloromethane, precipitation of salt, and recrystallization, 

washing, and subsequent drying of the OPF. The product was characterized by gel 

permeation chromatography and 1H NMR. 

Gelatin microparticle preparation 

GMs were synthesized according to an established method [196]. GMs were 

fabricated from acidic gelatin from bovine bone and basic gelatin from porcine skin 

(Nitta Gelatin Co., Osaka, Japan) and cross-linked in 10 mM glutaraldehyde (Sigma 

Aldrich, St. Louis, MO) overnight. After drying, the GMs were sieved to obtain particles 

50-100 !m in size. 

Composite scaffold fabrication 

Composite scaffolds were fabricated for degradation, swelling, and mechanical 

testing experiments according to the specifications in Table 3.1. Fabrication techniques 
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adhered to established protocols [158]. OPF was mixed with PEG-DA cross-linker 

(Glycosan BioSystems, Inc., Alameda, CA) at a 2:1 weight ratio, which corresponded to 

a double bond ratio of 1.62 (double bond ratio is the ratio of the number of cross-linkable 

double bonds in OPF to those in PEG-DA). The polymers were dissolved in PBS to yield 

a final polymer concentration of 0.2 g/ml. Pre-swollen GMs were added to the polymer 

solution and vortexed. For cross-linking, equal parts of initiator solutions, 0.3 M 

ammonium persulfate (Sigma Aldrich, St. Louis, MO) and 0.3 M N,N,N’,N’-

tetramethylethylenediamine (Sigma Aldrich, St. Louis, MO) were added to yield a final 

concentration of 25 mM. The solution was injected into Teflon molds and incubated at 

37°C for 8 min. After cross-linking, composite scaffolds were transferred to plastic 

cassettes in the shape of plate wells. The composite scaffold geometry used in this work 

was specific to the study of bone augmentation in rats. Therefore, the cassettes were 

designed to fit an equilibrium swollen, disk shaped, composite scaffold (d: 6 mm, h: 2 

mm) to match the shape of an implant that would be used for the study of bone 

augmentation in vivo [197], and the size of the implant was adjusted to be suitable for 

implantation in rats [198]. Each scaffold along with its cassette was then transferred to 

the experimental media. 

Degradation and swelling 

The physical characterization of composite scaffolds was performed using 

established methods [141]. Composite scaffolds were fabricated as described above and 

transferred to PBS containing 400 ng/ml collagenase 1A (Sigma Aldrich, St. Louis, MO) 

(col-PBS). Scaffolds were maintained at 37°C on a shaker table at 70 rpm with media 

changes after 1 day and continuing twice weekly. Scaffolds were evaluated immediately 

after fabrication and at 1 day, 1 week, and 6 weeks (n = 4). A number of scaffolds were 

dried immediately after fabrication and weighed (Wi). At each time point the scaffolds 
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were blotted to remove excess PBS on the surface, weighed (Ws), dried overnight, and 

reweighed (Wd). Mass loss was determined by comparing the dry mass of the scaffold at 

day 0 to the dry mass of the scaffold at each time point according to the following 

equation, mass loss = (Wi-Wd)/Wi. Sol fraction was measured as the percent mass loss 

from the samples after 24 h incubation [199]. Mass swelling ratio for each time point was 

determined by the ratio of the mass of PBS absorbed in the scaffold to the dry mass of the 

scaffold according to the following equation, mass swelling ratio = (Ws-Wd)/Wd. 

Mechanical testing 

The compressive modulus of cross-linked composite scaffolds was determined by 

established methods [200]. After cross-linking, scaffolds were swollen in PBS at 37°C 

for 24 h to reach equilibrium swelling. The compressive modulus was determined using a 

Thermomechanical Analyzer (TMA 2940, TA Instruments, New Castle, DE). Mechanical 

testing was performed with load applied at 0.1 N/min (n = 3). Stress and strain data were 

plotted, and the compressive modulus was determined from the slope of the linear region 

of the stress-strain curve.  

BMP-2 release 

Composite scaffolds were fabricated according to the method described for the 

physical characterization, and BMP-2 (E-coli derived from PeproTech, Rocky Hill, NJ) 

was loaded at 40 ng/ml based on cross-linked scaffold volume in all groups. BMP-2 

loaded per GM was equivalent in groups with both GM amounts. Therefore, in groups 

with high loading only half of the GMs were loaded with BMP-2 while the remaining 

fraction was pre-swollen in PBS without BMP-2. Release was quantified according to 

established methods [104]. A small fraction of incorporated BMP-2 was 125I-radiolabeled 

(Perkin Elmer, Waltham, MA), and the quantified release of this portion was scaled to 

determine the total released amount. BMP-2 was loaded into the GM phase by dripping a 
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solution of BMP-2 in PBS (5 !l PBS/mg GM) and storing the GMs at 4°C overnight. 

BMP-2 was loaded into the OPF phase by adding a solution of BMP-2 directly to the 

mixture of pre-swollen blank GMs and OPF precursor at the time of fabrication 

immediately prior to adding initiators. Composite scaffolds were placed 1 per well in 24 

well plates with 2 ml of PBS containing 400 ng/ml collagenase 1A to mimic the degree of 

enzymatic degradation of GMs that would occur in vivo [104]. Release was quantified at 

time points of 1, 2, 3, 6, 10, 13, 17, 20, 24, and 28 days by collecting the supernatant and 

analyzing the level of radioactivity compared to a standard curve made from 125I-

radiolabeled BMP-2 stock solution using a gamma counter (Cobra II Autogamma, 

Packard, Meridian, CT) (n = 4-6; some samples were lost during removal of buffer). 

Percent cumulative release was determined by normalizing the cumulative amount of 

growth factor released at each time point to the total amount loaded in each sample 

(determined by taking the sum of release at each time point and the amount of BMP-2 

remaining in the composite scaffold after 28 days). 

Diffusion analysis 

The release kinetics were analyzed according to the Ritger-Peppas equation, 

Mt/M& = ktn, where Mt/M& is the fraction of BMP-2 released, k is a constant for the 

system, t is release time, and n is an exponent that describes the mechanism of diffusional 

release. The parameters k and n were determined from the initial portion of log-log plots 

of the fraction of BMP-2 released versus time (Mt/M& ' 0.6). For a disk-shaped scaffold 

with aspect ratio 3, a value for n of approximately 0.44 is characteristic of Fickian 

diffusion. Values either above or below 0.44 are indicative of anomalous diffusion [201].  



 

 

62 

Statistics 

Values of percent mass remaining, mass swelling ratio, compressive modulus, 

release rates, and final cumulative release were analyzed by ANOVA followed by 

Tukey’s post-hoc test (p < 0.05) for statistical significance. 

RESULTS 

OPF characterization 

OPF was synthesized with a number average molecular weight of 7,500 ± 200 Da 

and a weight average molecular weight of 36,300 ± 600 Da. Incorporation of fumarate 

monomers into the OPF oligomer was confirmed using 1H NMR as demonstrated 

previously [136]. 

Degradation 

The degradation profiles of the composite scaffolds are compared in Figure 3.1 at 

time points of 1 day, 1 week, and 6 weeks where degradation was measured as the dry 

mass remaining in the scaffold at each time point compared to the dry mass of the 

scaffold at the time of fabrication. All the groups tested including the blank control 

experienced 33-44% mass loss after 1 day (sol fraction). Based on these data there was no 

significant difference in sol fraction between groups. 

By 1 week of culture, HA samples experienced more significant degradation than 

all other groups (76 ± 6%). LB and HB samples experienced significant degradation at 1 

and 6 weeks compared to the previous time point (LB: 1d 36 ± 4%, 1w 53 ± 2%, 6w 61 ± 

3%; HB: 37 ± 6%, 1w 58 ± 6%, 6w 70 ± 5%) while LA and HA samples underwent 

degradation from 1 day to 1 week but not between 1 week and 6 weeks (LA: 1d 41 ± 4%, 

1w 57 ± 8%, 6w 62 ± 4%; HA: 1d 44 ± 9%, 1w 76 ± 6%, 6w 75 ± 6%). Based on gelatin 

type alone, there was no difference in degradation at 6 weeks (LA: 62 ± 4%, LB: 61 ± 

3%; HA: 75 ± 6%, HB: 70 ± 5%). Considering the effect of GM amount, HA and HB 
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degraded more than LA and LB at 6 weeks. Considering the control samples without 

GMs, after 1 week of culture blank scaffolds degraded less (44 ± 5%) than all other 

groups except LB, and by 6 weeks of culture, the blank group had degraded less than all 

other groups (50 ± 4%). 

Finally, all groups including the blank control experienced some level of 

degradation between 1 day and 6 weeks indicating that the OPF hydrogels were indeed 

degradable with or without the inclusion of GMs. 

Swelling 

The mass swelling ratios of the composite scaffolds are compared in Figure 3.2. 

For equilibrium swelling, which is reached after 1 day of culture, the blank group 

exceeded all others in mass swelling ratio (13.6 ± 0.6). Dose dependence on GM amount 

was not observed. By 1 week of culture the HA group had significantly higher swelling 

than all other groups (26.2 ± 4.3). Swelling of LB, HB, and blank samples increased at 1 

and 6 weeks compared to the previous time point (LB: 1d 11.2 ± 0.7, 1w 15.6 ± 0.6, 6w 

18.0 ± 1.0; HB: 1d 11.2 ± 0.8, 1w 15.9 ± 1.4, 6w 21.8 ± 0.9; Blank: 1d 13.6 ± 0.6, 1w 

15.3 ± 0.9, 6w 18.3 ± 0.5) while swelling of LA and HA samples increased from 1 day to 

1 week but not between 1 week and 6 weeks (LA: 1d 11.5 ± 1.1, 1w 15.4 ± 2.1, 6w 17.6 

± 1.4; HA: 1d 11.4 ± 1.3, 1w 26.2 ± 4.3, 6w 22.1 ± 2.5). By 6 weeks of culture, the HA 

and HB groups swelled more than all others demonstrating a GM dose dependence for 

mass swelling. All groups demonstrated some increase in swelling between 1 day and 6 

weeks. 

Mechanical testing 

The compressive moduli of the composite scaffolds are compared in Figure 3.3. 

The compressive moduli ranged from 13.6 - 18.1 kPa. At equilibrium, the compressive 

modulus of the blank group exceeded that of the LA and HA groups. However, none of 
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the composites with GMs demonstrated a significant difference in the values of their 

compressive moduli. 

BMP-2 release 

The release profiles of BMP-2 from the various groups are displayed in Figure 

3.4. Percent cumulative release of BMP-2 is shown over 4 weeks where GM loading and 

OPF loading are compared in each panel for a specific GM amount and gelatin type. 

Clearly a distinct release profile results from the two phases of loading, and this effect is 

confirmed statistically by dividing the release into various phases as shown in Table 3.2.  

In each panel of Figure 3.4, OPF loading results in higher day 1 burst release 

(phase 1). Burst release ranged from 38.0-39.4% for OPF loading  (LAO: 39.4 ± 1.8%, 

LBO: 39.1 ± 0.8% HAO: 39.1 ± 7.3%, HBO: 38.0 ± 0.7%) and from 24.8-27.5% for GM 

loading (LAG: 24.8 ± 3.8%, LBG: 27.5 ± 3.2%, HAG: 24.9 ± 2.0%, HBG: 26.2 ± 1.5%). 

BMP-2 release for OPF loading was higher than GM loading only in high GM groups 

from day 1-3 (phase 2). Another obvious difference in each panel of Figure 3.4, GM 

loading results in higher release from day 3 to 17 (phase 3). A relatively linear region of 

the plot during this time period demonstrates this effect graphically. BMP-2 release for 

GM loading was higher than OPF loading in all groups except HBG from day 17-28 

(phase 4). This continues the trend of release being delayed by GM loading. For both 

loading phases, release continues for at least 28 days, and the release rate at the final time 

point is less than 1% per day in all groups.  

In terms of GM amount, only one difference was observed, and that was in phase 

4 where percent BMP-2 released per day from LBG exceeded that HBG. The most 

significant effect of gelatin type was for phase 3 of release for GM loading; LAG and 

HAG both had higher BMP-2 release in phase 3 compared to their basic GM 
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counterparts, LBG and HBG, respectively. Finally, in phase 4, release from LBG 

exceeded that of LAG. 

The final percent cumulative release of BMP-2 from each group is displayed in 

Table 3.3. Differences based on gelatin type include higher final release of BMP-2 from 

LAG compared to LBG and higher final release from HAG compared to HBG 

demonstrating a trend of higher release from acidic GMs for GM loading. Additionally, 

final percent cumulative release was higher from GM loading compared to OPF loading 

for LAG and HAG samples. 

Diffusion analysis 

A summary of the diffusion analysis is shown in Table 3.4. The parameter n 

identifies the transport mechanism that dominates the release of BMP-2 for each group. N 

values for all groups are below 0.44, which is the value of n that corresponds to Fickian 

diffusion for a disk of aspect ratio 3 [201]. Therefore, anomalous diffusion is the 

dominant mechanism of diffusion in all the groups investigated in the present study. For 

GM loading, n values range from 0.34 - 0.41, and for OPF loading, n values range from 

0.21 - 0.29. K values range from 0.24 - 0.27 for GM loading and 0.39 - 0.40 for OPF 

loading. R2 values show the suitability by which the data fit the diffusion model. 

DISCUSSION 

In this study, the release of BMP-2 from OPF-GM composite constructs was 

evaluated in order to determine the effect of the type and amount of gelatin and the 

growth factor loading phase on the construct physical properties and the BMP-2 release 

profile. The goal of this work was to investigate such factors in order to further the 

development of injectable scaffolds for bone tissue engineering. A full factorial study 

was designed to investigate GM amount, gelatin type, and BMP-2 loading phase. These 

factors are easily varied during the material design and fabrication process, and evidence 
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was available to suggest that each factor would significantly affect BMP-2 release 

profiles thereby providing precise control over the performance of the constructs [155, 

156]. 

Previous studies have evaluated the effect of PEG chain length, OPF cross-linking 

density, and OPF cross-linking time on hydrogel physical properties [141, 155, 158, 173]. 

The inflammatory response and degradation of OPF hydrogels was evaluated when 

implanted subcutaneously and within cranial defects in the rabbit [173]. Furthermore, the 

effect of PEG chain length on osteogenic differentiation of encapsulated mesenchymal 

stem cells was measured [150]. However, studies have not investigated the release of 

BMP-2 from OPF hydrogels or the effect of increased gelatin loading or change in gelatin 

type on the physical properties of OPF-GM composites. 

The degradation and swelling behavior of composite hydrogels have previously 

been shown to directly correlate to TGF-#1 release from the constructs [157]. Here, the 

effect of gelatin type on the degradation and swelling of the composite hydrogels was 

evaluated. Clearly, acidic GMs accelerated the degradation of composite scaffolds 

compared to basic GMs, but the effect of gelatin type on degradation was equalized by 6 

weeks. After 6 weeks, the only factor affecting composite degradation was the amount of 

GMs incorporated in the construct, which demonstrated a dose dependent effect (HA, HB 

> LA, LB > Blank) and would be expected if the cause of accelerated degradation scales 

with the amount of gelatin incorporated. 

Composite scaffolds loaded with acidic GMs initially degraded more quickly due 

to several potential mechanisms. From previous studies it is known that acidic GMs 

undergo complete degradation in 9 days when cultured in col-PBS, while basic GMs 

require 20 days to completely degrade [104]. Therefore, substantial degradation of acidic 

GMs would have occurred within the first week of culture and subsequent diffusion of 
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gelatin fragments from the composite scaffolds into the surrounding media would have 

contributed to the reduced dry weight of the scaffolds. Furthermore, the enhanced 

degradation of the acidic vs. basic GMs could have led to additional effects. GM 

degradation and the resulting reduced cross-linking density would have resulted in 

increased swelling of the GMs, which is known to apply disrupting mechanical forces on 

the OPF matrix leading to enhanced degradation of the OPF network itself [157]. Finally, 

the introduction of pores into the OPF hydrogel from GM degradation and dissolution 

would have promoted hydrolysis of the polymer [157]. It should be noted that there was 

no difference in sol fraction between groups, and thus it can be concluded that none of 

the factors investigated in this experiment affected polymer incorporation into the 

network since all properties of the polymers were controlled including double bond ratio.  

Future studies could evaluate the response of hydrogels to either differences in 

porogen swelling alone or changes in porosity alone to further elucidate the mechanisms 

controlling degradation. However these results demonstrate that the degradation is clearly 

caused by both enzymatic digestion of gelatin and hydrolysis of OPF, and composite 

degradation can be precisely tuned by varying either GM amount or gelatin type. 

Previously, burst release of TGF-#1 was shown to coincide with composite 

swelling over the first 24 h indicating diffusional control of growth factor release by the 

bulk OPF phase surrounding the dispersed GMs [157]. Therefore, equilibrium swelling 

was expected to be an important parameter affecting growth factor release in this study. 

Blank samples experienced higher equilibrium swelling compared to all other groups, 

which was expected as cross-linked OPF has a higher mass swelling ratio than 10 mM 

cross-linked GMs. Thus, a composite with a higher proportion of OPF would be expected 

to uptake more water [155]. 



 

 

68 

Acidic GMs accelerated the mass swelling of composite scaffolds compared to 

basic GMs, and this is in agreement with the degradation profiles for these groups. This 

provides more evidence for the conclusion that enzymatic degradation of acidic GMs 

occurs at a faster rate, leading to increased GM swelling and disruption of the OPF 

network, thus increasing the swelling of the OPF bulk phase. Electrostatic repulsion 

within hydrogel composites is another likely contributor to increased swelling in the 

acidic groups. OPF hydrogels undergo ester hydrolysis resulting in the formation of 

acidic carboxylic acid groups [188]. With acidic GMs dispersed throughout the matrix a 

repulsive force is likely to result between negative charges in the OPF chains and those 

present on the GM surface leading to increased swelling. The same repulsive forces 

would not be present in OPF hydrogels loaded with positively charged GMs, and 

therefore, the gels would swell to a lesser extent. 

Similar to the degradation behavior, there was a GM dose dependence on swelling 

at 6 weeks. Whether the two parameters have a causal relationship is unknown although 

several possibilities for their interaction have been presented. Nonetheless, both 

parameters are meaningful to characterize the composites, and in this case the results 

reinforce one another in their description of the physical behavior of the system.  

This study demonstrates an advantage of OPF-GM composite scaffolds in that 

they are fabricated by combining two materials that have unique degradation and 

swelling behavior in aqueous solution depending on numerous factors including 

enzymatic activity, temperature, and mixing. Therefore, degradation and swelling of 

OPF-GM composite scaffolds can be tuned by varying the mass ratio of the two materials 

in the composite as well as factors that affect each material separately, e.g., gelatin type. 

As expected, the results of mechanical testing were consistent with the 

degradation and swelling behavior, as the type of gelatin incorporated had a significant 
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impact on the compressive moduli of composite scaffolds compared to the blank samples 

at the two levels of GM amount that were tested. Previously, effects of microsphere 

incorporation on mechanical properties of hydrogels have been illustrated where 

incorporation of rigid, hydrophobic microspheres increased compressive moduli of 

various hydrogels by acting as reinforcing nodes within the matrix owing to the better 

mechanical properties of the microspheres compared to the bulk material. This 

reinforcing effect only held at relatively low microsphere concentrations, as increasing 

the concentration eventually led to weakening of the mechanical properties, showing the 

presence of competing effects [202, 203]. Furthermore, GM incorporation into calcium 

phosphate cement constructs resulted in a significant weakening of the compressive 

mechanical properties due to the inferior mechanical properties of the GMs [204]. In the 

present study, altering the mass of GMs incorporated into OPF composites had no effect 

on the compressive moduli of the constructs likely because the materials have similar 

mechanical properties. However incorporating acidic GMs weakened the constructs 

compared to blank OPF hydrogels, and the reason for this effect is based on electrostatic 

interaction between the GMs and OPF. At physiologic pH, acidic gelatin has a net 

negative charge, as does OPF due to the formation of carboxylic acid groups during 

degradation. The result of this like-charge interaction is a destabilization of the interface 

between the GM surface and OPF that limits the transfer of mechanical load across the 

construct. On the other hand, basic gelatin has a positive charge at physiologic pH, which 

acts to stabilize the interface between the two materials and strengthens the composites. 

The values for the compressive moduli of the OPF hydrogels in Figure 3.3 are of the 

same order of magnitude of OPF hydrogels tested in other studies [205]. 

In previous work, OPF hydrogels were evaluated for mesenchymal stem cell 

encapsulation and immobilization of cell binding peptides such as RGD and osteopontin-
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derived peptide, and these scaffolds were effective for modulating cell binding, 

proliferation, and differentiation [169, 171]. Building on this work, it was postulated that 

incorporation of soluble bioactive agents such as growth factors into the scaffolds would 

induce a more pronounced tissue response, and in order to control the release of growth 

factors, a GM drug delivery vehicle was incorporated. Subsequent studies explored and 

utilized the phenomenon of electrostatic binding of charged proteins to gelatin for 

controlled release of TGF-#1 from acidic GMs [155, 206]. Not only did this composite 

system enable precise control of local growth factor administration it also enabled the 

fabrication of scaffolds that become porous in a time-dependent manner through GM 

degradation. For example, OPF-GM composite scaffolds delivering TGF-#1 supported 

osteochondral tissue formation in several studies [145, 153]. Furthermore, studies have 

investigated the effects of parameters such as gelatin amount and loading phase on TGF-

#1 release from OPF-GM composites and GM type on IGF-1 release from GMs alone 

[155, 156]. Although some of the same parameters from the present work were 

investigated in the studies mentioned, these results may not be applicable when a 

different growth factor with different amino acid sequence, zeta potential, size, and 

structure is used. 

Here, it was observed that the burst release of BMP-2 from the OPF loading phase 

was significantly higher than burst release from the GM loaded phase. The difference 

observed between the two loading phases could be due to a higher barrier to release 

present in the case of GM loading, as the protein must diffuse through the gelatin and 

undergo desorption from the GM surface, thereby increasing the effective diffusion 

coefficient of BMP-2 in the construct. BMP-2 release for OPF loading was higher than 

GM loading only in high GM groups in phase 2 (days 1-3), which could be explained by 

the higher swelling of HA compared to LA at 1 week, supporting the theory that the 
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effective diffusion coefficient is lower in the case of OPF loading. Although swelling of 

HB does not differ significantly from that of LB, the same mechanism is expected to 

apply, and the difference in BMP-2 release between the two types of loading is less for 

basic groups than for acidic. The effect of changing the loading phase was observed 

previously; changing TGF-#1 from OPF phase to GM phase reduced the burst release 

and increased the rate of release during phase 3 in col-PBS [156]. 

Higher release due to GM loading during phase 3 in the present study was likely 

caused by complexation of BMP-2 to gelatin of both types. Noncovalent binding of 

various proteins to GMs is an established phenomenon affected by specific protein, 

gelatin type, GM cross-linking, and protein dose [104]. Growth factor adsorption to 

cross-linked gelatin is governed by multiple mechanisms including electrostatic, 

hydrophobic, and hydrogen-bonding interactions. While bFGF and TGF-#1 exhibit 

pronounced electrostatic bonding to acidic gelatin [206], VEGF and BMP-2 exhibit 

mainly hydrophobic and/or hydrogen-bonding interactions [206], which are weaker, even 

though VEGF and BMP-2 have basic isoelectric points. Therefore, in the case of BMP-2, 

the adsorption mechanism is somewhat nonspecific compared to other proteins such as 

bFGF, TGF-#1, and IGF-1 [154, 207]. BMP-2 is coated with oligomannose groups that 

reduce its zeta-potential for electrostatic attraction to negatively charged materials [207]. 

Even so, release of bFGF, TGF- #1, VEGF, and BMP-2 was strongly governed by gelatin 

hydrogel degradation when implanted into the back subcutis of mice demonstrating 

diffusional control of release [207]. When BMP-2 was loaded into GMs cross-linked 

using the same chemistry, a much stronger interaction was observed demonstrated by 

delayed release compared to gelatin hydrogel disks under the same culture conditions 

[104, 114]. Gelatin type was established as a factor that significantly affected BMP-2 

release kinetics leading to the hypothesis in this work that varying the type of gelatin 
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between acidic and basic would contribute to varying release kinetics from OPF-GM 

composites [104]. During phase 3 of release for GM loading, acidic GMs resulted in 

higher BMP-2 release compared to basic. This result is likely affected by the binding of 

BMP-2 to acidic GMs as well as increased swelling and faster degradation of composite 

scaffolds with acidic GMs since diffusion would be expected to increase with these 

changes in the scaffold architecture. In phase 4, release from LBG exceeded that of LAG 

providing further evidence to the effect of delayed swelling and degradation of LBG 

composites. Differences in final percent cumulative release likely result from accelerated 

degradation and swelling of samples with acidic GMs as described earlier followed by 

the concomitant increase in the diffusion of BMP-2 resulting from the changes in scaffold 

mesh size.  

In terms of GM amount, it was expected that higher loading of GMs would result 

in increased release during at least one phase of the study since this phenomenon was 

observed for the release of TGF-#1, although the GM amounts tested were lower than in 

the present study [155], but this effect was not observed even though higher loading 

enhanced the rate of composite degradation. In fact, the opposite occurred as LBG 

exceeded HBG in phase 4. The HBG group may exhibit a lower BMP-2 release rate 

because it contains a higher concentration of GMs, which increases the effective 

diffusion coefficient of the construct. 

The BMP-2 concentration in this work was determined from previous dosage 

studies. Porous PLGA scaffolds loaded with BMP-2 at a concentration as low as 30 

ng/mm3 resulted in a significant increase in new bone volume in rat calvarial defects 

[208]. When BMP-2 concentrations of 10, 20, or 40 ng/mm3 were loaded into composites 

of polypropylene fumarate (PPF) and GMs the critical concentration to produce 

significantly higher bone volume in rat cranial defects was 40 ng/mm3 [114]. Without 
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prior evidence of the critical concentration of BMP-2 required to produce significant 

bone within OPF-GM composites, the PPF-GM system was identified as the most similar 

known system for determining the BMP-2 concentration that should be applied. 

Therefore, for this work BMP-2 was loaded at 40 ng/mm3 final scaffold volume 

determined at equilibrium swelling of the hydrogel. Since 40 ng/mm3 was the specific 

concentration of interest, and previous studies demonstrated that the loading 

concentration of BMP-2 into 10 mM acidic GMs was not a factor affecting its release, 

only a single BMP-2 concentration was investigated [104]. The OPF-GM system 

developed in this work achieves control over BMP-2 release to a level of precision that 

will allow appropriate release kinetics to induce bone formation in vivo. 

One limitation of this study was that the change in porosity of the hydrogel 

composites was not directly measured since the task of determining porosity of hydrogels 

is not readily accomplished in a practical experiment. Much is known about the effect of 

porosity in tissue engineering scaffolds regarding suitable porosity for cell proliferation, 

migration, and differentiation, neovascularization, ECM deposition, and nutrient and 

oxygen diffusion [209]. Parameters of scaffold pore size have been investigated to 

determine the optimum size for formation of different types of tissue including bone and 

osteoid but a consensus has not been reached. Even so, it is generally accepted that pore 

sizes on the order of hundreds of microns are best for bone osteoconduction although de 

novo bone formation readily occurs in pores of smaller size [210, 211]. In order to 

generate OPF scaffolds with suitable pore size and pore distribution, enzymatically 

digestible GMs were incorporated. Particles were sieved to a diameter of 50-100 !m and 

pre-swollen prior to composite fabrication giving a porogen size conforming to the 

general parameters established for bone tissue engineering as described above. 
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Another limitation of this study was not measuring the bioactivity of released 

BMP-2. It is accepted that organic solvents, high temperatures, and digestive enzymes 

denature proteins quite readily. A suitable drug delivery vehicle for tissue engineering 

strategies should ideally help to maintain growth factor bioactivity or at the very least act 

as an inert carrier. Of course the potential factors affecting loss of activity increase 

markedly when any scaffold is implanted, but the exact difference in activity is unknown. 

In this work, loss of BMP-2 activity was not evaluated because previous studies 

investigating release of BMP-2 from GMs in vivo did not exhibit any indication of the 

loading process inhibiting bioactivity [114]. Furthermore, VEGF bioactivity released 

from GMs has been recorded [212], and several other growth factors have been released 

from OPF hydrogels without any evidence of the bioactivity being affected [145, 153, 

154]. Specifically, the bioactivity of TGF-#3 and IGF-1 released from OPF-GM 

composites was determined using in vitro cell assays, and the bioactivity of each growth 

factor was only minimally affected over 28 days of release [213]. 

Previous research demonstrated release of TGF-#1 from OPF-GM composites 

that depended on hydrogel mesh size [157]. As the hydrogel composites investigated in 

the present work were degrading within the time span of BMP-2 release, dynamic 

changes would have been occurring within the hydrogel matrix that would have affected 

release characteristics. As the OPF matrix degraded, the mesh size would increase, which 

would lead to an increasing diffusion coefficient with time, and since Fickian diffusion is 

characterized by a constant diffusion coefficient [214], anomalous diffusion was 

observed. There was a difference in the value of n resulting from different BMP-2 

loading. The values of n for GM loading were closer to 0.44, the value for Fickian 

diffusion, indicating a less significant variation in release from Fickian diffusion behavior 

[201]. In order to explain this phenomenon, the relative rates of diffusion in OPF, 
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diffusion in gelatin, and degradation of gelatin should be considered. First, diffusion 

through OPF would be affected to a similar extent by an increasing mesh size over time 

for either type of loading. For GM loading, diffusion through the gelatin matrix and 

desorption from the surface of GMs would delay release, and both of these factors would 

contribute to an increase in the overall effective diffusion coefficient of the construct. 

Finally, the effect of GM degradation would only be significant nearing the end of the 

time period over which the Ritger-Peppas model was applied; therefore, enhanced release 

of BMP-2 from GM degradation would be limited. Based on these observations, 

additional factors contribute to the overall apparent diffusion coefficient for GM loading 

compared to OPF loading. Therefore, the weighted impact of the observed increase in 

hydrogel mesh size would be reduced for GM loading resulting in less variation in the 

effective diffusion coefficient of these constructs, which provides a system that more 

closely approaches Fickian diffusion behavior. The diffusional analysis should be 

considered when comparing OPF-GM composites to other drug delivery systems as it 

allows a simple comparison of the type of drug delivery that can be achieved. 

CONCLUSION 

The objective of this work was to investigate factors affecting the physical 

properties and drug delivery behavior of an injectable, composite hydrogel scaffold. In 

order to accomplish this goal, several hypotheses were formulated and addressed in detail 

by implementing a full-factorial experimental design. Of the factors investigated, GM 

amount and gelatin type had significant implications on the physical properties of the 

composite scaffolds as indicated by differences in the degradation and swelling behavior 

and the mechanical compressive properties of the scaffolds. The physical properties of 

the scaffolds could be fine-tuned in a predictable manner, and the resulting composites 

exhibited unique properties that could be leveraged for tissue engineering applications. 
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Furthermore, the effect of changing physical properties of the scaffolds on the release of 

BMP-2 was assessed. No difference in the burst release of BMP-2 was observed based on 

physical parameters alone, yet other differences in the overall release profiles were 

apparent for both factors investigated. Finally, it was assessed whether changing the 

loading phase of BMP-2 affected its release. The change in loading phase demonstrated a 

significant effect in every phase of release and enabled tuning of the system regardless of 

the physical composition. The composite scaffolds designed in this work exhibit 

numerous advantages for bone augmentation applications in tissue engineering. The 

ability to tune the physical properties of the scaffolds and the release kinetics of BMP-2 

provides an opportunity to begin optimizing the bone augmentation capability of these 

scaffolds in vivo.  Additionally, by placing the results in the context of drug delivery 

mechanisms in general, the results of this research will supplement the expanding 

knowledge base for drug release from swelling hydrogels and composite systems for 

bone tissue engineering. 
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TABLES AND FIGURES: 

Table 3.1: Specifications for composite scaffolds for the degradation, swelling, and 
mechanical testing experiments. Low corresponds to 0.22 g GM/g OPF, and 
high corresponds to 0.44 g GM/g OPF. Acidic and basic refer to the type of 
gelatin that results from two different processing techniques that result in 
gelatin with isoelectric point of 5.0 or 9.0, respectively. Blank hydrogels 
were fabricated without GMs. 

 Gelatin amount Gelatin type 

LA Low (0.22 g/g OPF) Acidic (pI = 5.0) 

LB Low Basic (pI = 9.0) 

HA High (0.44 g/g OPF) Acidic 

HB High Basic 

BLANK N/A N/A 
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Table 3.2: BMP-2 release was divided into 4 phases, Phase 1 (0-1 day), Phase 2 (1-3 
days), Phase 3 (3-17 days), and Phase 4 (17-28 days). The table shows the 
percent release/day for each group in each of the 4 phases as a percentage of 
the total amount of BMP-2 loaded in each scaffold. Values are shown with ± 
1 standard deviation. Significant differences (p<0.05) are designated for 
gelatin amount (#), gelatin type (^), and loading phase (*). 

 

 

 Phase 1 (%/day) Phase 2 (%/day) Phase 3 (%/day) Phase 4 (%/day) 

GM Loading     

LA 24.8 ± 3.8 6.3 ± 0.6 2.8 ± 0.8^* 0.6 ± 0.1* 

LB 27.5 ± 3.2 6.1 ± 0.7 2.2 ± 0.2* 0.8 ± 0.1#^* 

HA 24.9 ± 2.0 5.3 ± 0.5 2.6 ± 0.2^* 0.7 ± 0.1* 

HB 26.2 ± 1.5 5.5 ± 0.4 2.2 ± 0.1* 0.6 ± 0.0 

OPF Loading     

LA 39.4 ± 1.8* 7.4 ± 0.8 1.2 ± 0.3 0.4 ± 0.0 

LB 39.1 ± 0.8* 7.1 ± 0.9 1.2 ± 0.1 0.4 ± 0.0 

HA 39.1 ± 7.3* 6.4 ± 0.3* 1.2 ± 0.1 0.5 ± 0.1 

HB 38.0 ± 0.7* 6.5 ± 0.1* 1.2 ± 0.1 0.5 ± 0.0 
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Table 3.3: Final percent cumulative release of BMP-2. Values are shown with ± 1 
standard deviation. Significant differences (p<0.05) are designated for 
gelatin type (^) and loading phase (*). 

 LA LB HA HB 

Final percent cumulative release     

  GM loading 82.6 ± 2.7^* 77.0 ± 2.0 79.8 ± 1.7^* 74.2 ± 1.1 

  OPF loading 75.3 ± 1.5 74.6 ± 1.4 74.1 ± 2.3 73.5 ± 1.1 
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Table 3.4: BMP-2 release was analyzed for the type of transport mechanism governing its 
release from composite scaffolds assuming a cylindrical geometry. The table 
shows the values for parameters n and k and the corresponding transport 
mechanism.  

 n k r2 Transport mechanism 

GM Loading     

LA 0.41 0.24 0.992 Anomalous 

LB 0.37 0.27 0.993 Anomalous 

HA 0.36 0.24 0.993 Anomalous 

HB 0.34 0.26 0.997 Anomalous 

OPF Loading     

LA 0.29 0.40 0.996 Anomalous 

LB 0.29 0.39 0.995 Anomalous 

HA 0.21 0.40 0.964 Anomalous 

HB 0.22 0.39 0.968 Anomalous 
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Figure 3.1: Degradation of composite hydrogel scaffolds over a period of 6 weeks 
displayed as percent of the original dry mass of the hydrogel remaining. 
Low corresponds to 0.22 g GMs/g OPF, and high corresponds to 0.44 g 
GMs/g OPF. Acidic and basic refer to the type of gelatin that results from 
two different processing techniques that result in gelatin with isoelectric 
point of 5.0 or 9.0, respectively. Blank hydrogels were fabricated without 
GMs. Significant differences (p<0.05) are designated by (+) for a difference 
between groups at the same time point, (*) for a difference from all other 
groups at the same time point, (#) for a difference in the same group from 
the previous time point, and (^) for a difference in the same group from day 
1. Error bars represent ± 1 standard deviation. Sol fraction is represented as 
the percent of mass lost at day 1, but there was no difference between 
groups for this measure. 
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Figure 3.2:  Mass swelling ratio of composite hydrogel scaffolds over a period of 6 
weeks. Low corresponds to 0.22 g GM/g OPF, and high corresponds to 0.44 
g GM/g OPF. Acidic and basic refer to the type of gelatin that results from 
two different processing techniques that result in gelatin with isoelectric 
point of 5.0 or 9.0, respectively. Blank hydrogels were fabricated without 
GMs. Significant differences (p<0.05) are designated by (*) for a difference 
from all other groups at the same time point, (#) for a difference in the same 
group from the previous time point, and (^) for a difference in the same 
group from day 1. Error bars represent ± 1 standard deviation. Equilibrium 
swelling is reached after 1 day. 
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Figure 3.3: Compressive moduli of composite hydrogel scaffolds at equilibrium swelling. 
Significant differences (p<0.05) between groups are designated by (+). Error 
bars represent ± 1 standard deviation. The dashed line represents the 
compressive modulus of blank hydrogels for comparison. 
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Figure 3.4: Percent cumulative release of BMP-2 over 4 weeks measured at 1, 2, 3, 6, 10, 
13, 17, 20, 24, and 28 days. Percent cumulative release was determined by 
normalizing the cumulative amount of BMP-2 released at each time point to 
the total amount loaded in each sample (determined by taking the sum of 
release at each time point and the amount of BMP-2 remaining in the 
composite scaffold after 28 days). To be consistent between panels, filled 
circles represent GM loading, and open circles represent OPF loading. Error 
bars represent ± 1 standard deviation. 
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Chapter 4: Gelatin Nanoparticle Fabrication and Release of IGF-1 

ABSTRACT 

The objective of the present study was to investigate gelatin nanoparticles as a 

drug delivery vehicle in tissue engineering. As such, we investigated the controlled 

release of IGF-1 from gelatin nanoparticles. Gelatin nanoparticles were fabricated with 

average diameter of 102.7 nm. For the release study, we investigated a composite system 

with 3 groups: gelatin nanoparticles loaded with IGF-1 in OPF hydrogels incubated in 

PBS or collagenase containing PBS and OPF hydrogels loaded with IGF-1 without 

gelatin nanoparticles in PBS. The effect of gelatin nanoparticle loading compared to 

blank OPF was insubstantial as was the effect of collagenase containing PBS. All groups 

exhibited approximately 70% burst release and 90% cumulative release at 28 days with a 

very similar release profile between groups.  
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INTRODUCTION 

Our laboratory has investigated and applied gelatin microparticles to release 

various proteins including IGF-1, TGF-#1, TGF-#3, BMP-2, and VEGF for cartilage and 

bone tissue engineering [104, 143, 144, 212, 213]. This drug delivery system has 

demonstrated tunable release and preservation of bioactivity. Gelatin particles on the 

nano size scale have been investigated less often even though, like nanofibers in tissue 

engineering, they offer advantages including high surface area to volume ratio for cell 

attachment and drug loading [215]. Herein, we hypothesized mainly that adsorbing IGF-1 

to gelatin nanoparticles would delay its release from composites of OPF and gelatin 

compared to the release of IGF-1 from the bulk OPF phase of blank hydrogels without 

nanoparticles. 

MATERIALS AND METHODS 

Experimental design 

Gelatin nanoparticles were fabricated and prepared in composite formulations 

with OPF. We studied the following hypotheses: whether loading into gelatin 

nanoparticles could regulate the release of IGF-1 and whether IGF-1 release depended on 

culture in collagenase PBS. To test our hypotheses, groups were designed as shown in 

Table 4.1. 

Gelatin nanoparticle fabrication and characterization 

Gelatin nanoparticles were fabricated following an established method [216]. 0.5 

g acidic gelatin was dissolved in 10 ml ddH2O (5 wt%) at 60°C. Then, 40 ml acetone was 

added in bulk. Immediately, 50 !l of 50% aqueous glutaraldehyde was added for 

crosslinking. The acetone was removed by rotovaporation after 40 minutes. The mixture 

was centrifuged at 3850 rpm for 5 minutes. Glycine was added to the supernatant to reach 
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0.1 M. The mixture was left 16 h for quenching. The mixture was centrifuged once again, 

and the supernatant was frozen in liquid nitrogen and lyophilized overnight. The particles 

were stored at -20°C. The size distribution of the gelatin nanoparticles was determined by 

dynamic light scattering using a 90PLUS particle size analyzer (Brookhaven Instruments, 

Holtsville, NY) at 659 nm wavelength and 37°C (n=3). The intensity-weighted particle 

size distribution was determined from the accumulated autocorrelation function as 

described [217]. 

Composite scaffold fabrication and IGF-1 release 

Composite scaffolds were fabricated and IGF-1 release was studied following the 

method described previously in our laboratory [213] using the same OPF, gelatin weight 

fraction, gel dimensions, growth factor dose, hot/cold growth factor ratio, culture 

conditions, and time points (n=6-7).  

Statistics 

Differences in release rates were analyzed by ANOVA and Tukey’s HSD post-

hoc test with a priori significance set to $=0.05. 

RESULTS 

The gelatin nanoparticle fabrication resulted in a bimodal size distribution as 

shown in Figure 4.1. The average particle diameter was 102.7 nm, and the polydispersity 

was 0.161. The results of the release experiment are displayed in Figure 4.2. All groups 

exhibited a substantial burst release of around 70% and achieved a cumulative release 

near 90% after 28 days. All groups maintained 0.5% IGF-1 release per day during the 

final phase. Narrow differences were observed: IGF-1 release from Blank PBS slightly 

exceeded that from GNP PBS during phase 1, GNP PBS exceeded GNP Col and Blank 

PBS in phase 2 and Blank PBS in phase 3. 
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DISCUSSION 

The nanoparticle fabrication process resulted in a bimodal distribution with 

particle sizes on the order of around 50 and 175 nm with an overall average size of 102.7 

nm. The method of preparation for nanoparticles in the present work was not tunable; 

however, the size regime of particles realized was suited for our application and 

hypothesis testing. Although slight differences were observed between groups in percent 

release of IGF-1 per day, the difference in release was not altogether meaningful. The 

smaller burst release and greater release from GNP PBS during phases 2 and 3 may 

indicate a small effect of the gelatin binding and desorption process, but the findings 

were not conclusive enough to prove or disprove our hypothesis that electrostatic binding 

and Van der Waals forces would delay the release of IGF-1 loaded in the gelatin 

nanoparticles. Further, collagenase culture did not provide a meaningful difference in the 

release rate indicating the lack of significant influence of enzymatic digestion of the 

gelatin nanoparticles in our setup. The potential for using gelatin nanoparticles as a drug 

delivery system using this particular design is limited based on the results of the burst 

release in which approximately 70% of the IGF-1 was released within 1 day. Future 

studies are warranted to investigate the loading efficiency and release in more detail 

perhaps by isolating the nanoparticles from the OPF hydrogel. Other factors may 

influence the loading and release including gelatin crosslinking and particle size. 

CONCLUSION 

Gelatin nanoparticles were fabricated with average diameter of 102.7 nm. IGF-1 

release in phases 2 and 3 from gelatin nanoparticles in OPF tended to exceed the other 

groups by a small margin. The results were inconclusive, and incorporation of gelatin 

nanoparticles into the OPF hydrogel system was incapable of substantially affecting the 

release of IGF-1 using the particular formulation of particles implemented herein.  
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TABLES AND FIGURES: 

Table 4.1: Specifications for composite scaffolds for the release experiment. Gelatin 
nanoparticle is abbreviated GNP. Blank hydrogels were fabricated without 
gelatin nanoparticles. 

 IGF-1 loading phase Media type 

GNP PBS Gelatin nanoparticles PBS 

GNP Col Gelatin nanoparticles PBS + 370 ng/ml collagenase 1A 

Blank PBS OPF PBS 
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Figure 4.1: Gelatin nanoparticles size distribution determined by dynamic light scattering 
(n=3). 
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Figure 4.2: Fractional release of IGF-1 and percent IGF-1 release per day over 28 days in 
vitro. Values within each phase not connected by the same letter are 
significantly different (p < 0.05). Error bars indicate ± 1 standard deviation. 
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Chapter 5: Tissue Response to Composite Hydrogels for Vertical Bone 
Augmentation in the Rat‡ 

ABSTRACT 

The objective of the present study was to develop a preclinical animal model for 

evaluating bone augmentation and to examine the level of bone augmentation induced by 

hydrogel composites. Design criteria outlined for the development of the animal model 

included rigid immobilization of bilateral implants apposed to the parietal bone of the rat, 

while avoiding the calvarial sutures. The animal model was evaluated through the 

implantation of hydrogel composites of oligo(poly(ethylene glycol) fumarate) (OPF) and 

gelatin microparticles releasing bone morphogenetic protein-2 (BMP-2). The BMP-2 

release profile was varied and compared to the implantation of a material control without 

BMP-2. Each hydrogel composite was implanted within a polypropylene cassette, which 

was immobilized to the calvarial bone using screws, and empty cassettes were implanted 

as a control. The design criteria for the animal model were realized; however, the level of 

bone augmentation did not vary between any of the groups after 4 weeks. Osteoclastic 

bone resorption occurred to a higher extent in groups releasing BMP-2, but the cause 

could not be elucidated. In conclusion, a promising bone augmentation model was 

established in the rat; however, refinement of the hydrogel composites was suggested to 

optimize the constructs for bone augmentation applications. 

                                                
‡ This chapter was published as Kinard LA, et al. Tissue response to composite hydrogels for vertical bone 
augmentation in the rat. J Biomed Mater Res A 2013. 10.1002/jbm.a.34878. 
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INTRODUCTION 

Clinical treatment of facial and cranial contour bone deficits currently is an 

important area of focus for both the military and civilian populations [218, 219]. 

Craniofacial bone deficits commonly result from traumatic injury or tumor resection, and 

while several general treatment options are available, there remain inherent drawbacks to 

each approach [220]. Contour deficits often are defined by insufficient bone volume or 

projection at a skeletal site without walls characteristic of a bony defect and commonly at 

a skeletal site without functional importance such as load bearing. In such situations, 

implants generally will have a smaller surface interface with bone and diminished 

structural support [221]. Resorption of repair tissue in the long-term is an established 

phenomenon that occurs following craniofacial bone augmentation (bone formation 

beyond the existing skeletal envelope) in general, which presents an inherent challenge to 

achieving aesthetic repair [222]. Augmentation as a subset of treatment strategies 

encompasses a variety of methods with onlay autogenous bone grafting (transplanted 

tissue laid directly onto the surface of the recipient bone) as the gold standard [223]. 

Contour deficits in the craniofacial skeleton often are treated surgically with a variety of 

related augmentation techniques depending on the precise location and orientation of the 

deficit with vertical bone augmentation serving as the focus of the preclinical model 

explored in the present work. Other treatment options include implantation of allogenic 

bone grafts, demineralized bone matrix, and alloplastic materials [223]. 

Injectable materials are promising as a replacement for autogenous bone when 

onlay grafting is indicated. For this purpose, synthetic bone substitutes have been 

developed typically in the form of ceramic materials. Modern ceramics have improved 

handling properties (e.g. injectability and shaping characteristics) compared to their 
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predecessors; however, degradation of these implants often occurs too slowly to allow 

optimal bone formation, and precise control of porosity is a challenge [224]. Injectable, in 

situ polymerizing, hydrogel materials have been proposed to overcome these 

disadvantages. The advantages of using hydrogels for this application are their propensity 

for controlled drug release and readily tunable degradation [225], and although the often 

weaker mechanical properties of hydrogels may require implantation along with a 

protective membrane or other support, this does not diminish their potential benefit to 

onlay procedures. Specifically, oligo(poly(ethylene glycol) fumarate) (OPF) hydrogels 

combine positive attributes for successful application to various areas of tissue 

engineering and regenerative medicine [188]. Furthermore, fabrication of composite 

hydrogels with an OPF bulk phase and gelatin porogen enables precise control of drug 

release, degradation, and porosity [159]. 

Design of an animal model with specific relevance to bone contour deficits is a 

unique endeavor. However, augmentation of contour deficits is similar to alveolar ridge 

augmentation in terms of implant geometry and surrounding tissue environment [220]. 

The design of a novel animal model was undertaken in the present work with emphasis 

on the following design criteria: rigid immobilization (to prevent micromotion of onlay 

implants [198]), isolation of the implants from the calvarial sutures (in order to limit the 

infiltration of soft tissue originating from the sutures into the implants [226]), and 

bilateral implantation (to enable a significant reduction in the number of animals required 

[227, 228]). 

The overall objective of the present study was to investigate a novel animal model 

for the study of vertical bone augmentation by testing the bone induction of hydrogel 

composites consisting of OPF/gelatin porogens combined with controlled release of 

BMP-2. It was hypothesized that controlled release of BMP-2 would induce additional 
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bone augmentation compared to implantation of hydrogel composites alone (determined 

by !CT analysis). 

MATERIALS AND METHODS 

Experimental design 

The objective of the present work involved two aspects: first, to develop an 

animal model to study the tissue response to biomaterial implants for vertical bone 

augmentation in the rat, and second, to evaluate the tissue response to composite 

hydrogels of OPF and gelatin porogens using the newly developed animal model. The 

release profile of BMP-2 was investigated based on loading the growth factor in two 

different phases of the composite hydrogel (bulk OPF phase, BO; and dispersed gelatin 

microparticle phase, BG; a change that alters the release kinetics of growth factors in the 

composite hydrogels [156]). Additionally, a material control (MC) was implanted to 

evaluate the tissue response without release of BMP-2, and an empty control (E) was 

used to evaluate the tissue response to creation of a void volume at the site of 

implantation (Table 5.1). The in vivo response to hydrogel composite implants was 

analyzed using !CT to quantify the change in bone volume at the implantation site. 

Additionally, histological analysis of representative samples aided in determining the 

biological performance. 

OPF synthesis and characterization 

OPF was synthesized using poly(ethylene glycol) (PEG; Sigma Aldrich, St. 

Louis, MO) with nominal number average molecular weight of 3,350 Da according to an 

established procedure [188]. The OPF molecular weight was determined using gel 

permeation chromatography by constructing a standard curve from PEG standards. 
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Gelatin microparticle preparation 

Gelatin microparticles were fabricated using acidic gelatin (pI = 5.0; Nitta Gelatin 

Co., Osaka, Japan) according to established methods [196]. The particles were cross-

linked overnight with 10 mM glutaraldehyde (Sigma Aldrich, St. Louis, MO) and sieved 

to obtain particles in the size range of 50-100 !m. 

Composite scaffold fabrication 

Three types of composite scaffolds (i.e. MC, BO and BG; see Table 5.1) were 

fabricated according to established methods [158]. OPF, poly(ethylene glycol)-diacrylate 

(PEG-DA; 3,400 Da; Glycosan BioSystems, Inc., Alameda, CA), and gelatin 

microparticles were sterilized using ethylene oxide. Phosphate buffered saline (PBS), 

ammonium persulfate (APS; Sigma Aldrich, St. Louis, MO), and N,N,N’,N’-

tetramethylethylenediamine (TEMED; Sigma Aldrich, St. Louis, MO) were sterilized 

using 0.22 !m filters. All fabrication steps were carried out in sterile conditions. Gelatin 

microparticles were pre-swollen overnight prior to fabrication of composite scaffolds 

either in PBS for OPF loading or in PBS containing BMP-2 for gelatin loading. The 

volume of PBS was 5 !l/mg gelatin, which results in complete absorption of PBS and 

soluble factors to the gelatin microparticles. OPF and PEG-DA were mixed at a 2:1 

weight ratio, which corresponds to a double bond ratio of 1.62 [168]. PBS, containing 

BMP-2 (OPF loading) or without BMP-2 (gelatin loading), was added to achieve a final 

polymer (total OPF and PEG-DA) concentration of 0.2 g/ml. The concentration of BMP-

2 in the BG and BO groups was 40 ng/!l scaffold volume at equilibrium swelling. Pre-

swollen gelatin microparticles were added to the polymer solution (0.44 g gelatin / g OPF 

on a dry basis) followed by equal volumes of initiator solutions 0.3 M APS and 0.3 M 

TEMED so that the final concentration of each was 25 mM. The solution was injected 

immediately into a teflon mold (4.7 mm Ø, 2.0 mm height; size determined to yield 
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hydrogels of 6.0 mm Ø, 2.0 mm height at equilibrium swelling) and cross-linked for 8 

minutes at 37°C. The cross-linked hydrogels were transferred to polypropylene cassettes 

and kept under sterile conditions prior to implantation. 

Animal model 

The animal model used in the present work was designed specifically to enable 

investigation of biomaterial implants for vertical bone augmentation in the rat. The model 

involves orthotopic implantation on the rat skull, specifically the parietal bone (Figure 

5.1). The implants were placed so that the inferior surface of each scaffold was in full 

contact with the superior surface of the parietal bone without contact between scaffold 

and calvarial sutures. The periosteum was resected prior to placement. In order to 

maintain the initial geometry of each scaffold throughout the implantation period, to 

prevent micromotion, and to limit diffusion or tissue infiltration from the overlying soft 

tissue, the scaffolds were implanted within non-porous polypropylene cassettes with 0.5 

mm minimum thickness. Each rectangular cassette contained a disk-shaped impression 

matching the scaffold dimensions at equilibrium swelling (6.0 mm Ø x 2.0 mm height) 

open on the inferior surface for contact of each scaffold to the parietal bone. It should be 

noted that soft tissue necrosis was identified by gross observation during the implantation 

period and confirmed by gross visual inspection during dissection of the animal 

immediately following euthanasia. Animals experiencing prolonged inflammation, 

redness, and swelling with a non-healing wound at the incision site along with an area of 

necrosis resulting in scab formation were classified as having necrotic soft tissue for the 

purposes of the present work. These criteria are in agreement with an established method 

of ulcer grading previously used in rat studies for determining skin ulcer progression and 

staging [229].   
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Surgeries 

Animal surgeries were conducted according to protocols approved by the Rice 

University Institutional Animal Care and Use Committee, and NIH guidelines for the 

care and use of laboratory animals (NIH Publication #85-23 Rev. 1985) have been 

observed. Prior to surgery, implanted materials were sterilized using ethylene oxide 

(OPF, PEG-DA, and gelatin), steam sterilization (cassettes, screws, and surgical 

instruments), or 0.22 !m syringe filters (PBS, APS, TEMED). Gelatin loading and 

fabrication of composite hydrogels were performed under sterile conditions. 

Thirty healthy male syngeneic Fischer 344 rats (12 weeks old and weighing 275-

299 g) were purchased from Harlan Labs (Indianapolis, IN). General anesthesia and post-

operative care were performed as previously described [115]. A sagittal incision was 

made over the scalp from the nasal bone to the occipital protuberance, the skin and 

periosteum were resected to access the parietal bone, and the bone surface was scored 

using a dental drill with a rounded bur. Four holes were drilled through the parietal bone 

for screw positioning using a rounded bur. The first pre-fabricated polypropylene cassette 

carrying a hydrogel implant was apposed to the skull. Stainless steel machine screws 

(Small Parts, Inc., Logansport, IN) were inserted to secure the polypropylene cassette to 

the bone. Following this, the second cassette was implanted in the same way as the first. 

The scalp was closed in a single layer with running 4-0 Vicryl resorbable sutures. At four 

weeks post-implantation, the rats were euthanized, gross evaluation of the soft tissue 

response was completed, and the implants were retrieved using established methods 

[115]. Explanted samples were fixed in 10% neutral buffered formalin for 72 h, and then 

transferred to 70% ethanol prior to analysis. 
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!CT imaging and analysis 

Volume of augmented mineralized bone and total bone in explanted samples was 

analyzed by microcomputed tomography (!CT; SkyScan 1172 high-resolution micro-CT; 

SkyScan) by adapting previously established methods to the present animal model [45, 

230]. Lower and upper threshold indices were 70 and 255, respectively. To determine the 

volume of augmented mineralized bone, a cylindrical region of interest (ROI) was chosen 

to match the exact size of the hydrogel composite within the polypropylene cassette well. 

The ROI was determined with a circular upper boundary aligned with the inferior surface 

of the cassette well, a circular lower boundary set parallel to the upper boundary with 

exactly 2.0 mm spacing, and a cylindrical radial boundary aligned with the vertical 

boundary of the cassette impression connecting the upper and lower boundaries. The total 

volume of the ROI was 56.5 mm3 (6.0 mm Ø, 2.0 mm height). To determine the total 

bone volume at each implantation site, the previous ROI defined for augmented bone 

volume was projected in the axial direction through the parietal bone to incorporate all 

mineralized tissue inferior to the position of the hydrogel scaffold in addition to the 

mineralized tissue within the scaffold itself. 

Histology 

Histological analysis was subjectively performed to visualize the broad range of 

tissue responses observed in the experiment. Following !CT imaging and ethanol 

dehydration, the polypropylene cassettes were removed and the samples were embedded 

in methylmethacrylate and 5 !m thin sections were made in the coronal plane through the 

center of both implants. Separate coronal sections through the center of each implant 

were stained using H&E (to determine general tissue structure), TRAP (to distinguish 

osteoclasts), and Goldner’s trichrome (to distinguish osteoid). 
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Statistics 

Values for augmented bone volume and total bone volume were analyzed for 

statistical significance by ANOVA followed by Tukey’s HSD post-hoc test (p<0.05). The 

potential correlation between soft tissue response and implant type was tested using the 

Chi-square test (p<0.05). 

RESULTS 

OPF characterization 

OPF was synthesized with number average molecular weight of 7,500 ± 200 Da 

and weight average molecular weight of 36,300 ± 600 Da. The incorporation of fumarate 

groups into OPF oligomers was confirmed using 1H NMR (data not shown). 

!CT imaging and analysis 

The volume of augmented mineralized bone in each sample was determined using 

!CT. Previously established methods were adapted for this purpose [45, 230]. The range 

of augmented bone volume was 0.66-1.32 mm3 (BG = 0.66 ± 1.07, BO = 1.02 ± 0.72, 

MC = 1.32 ± 1.23, E = 1.17 ± 0.94 mm3; Figure 5.2). 

A number of experimental implants were associated with significant resorption of 

bone mineral within the boundaries of the parietal bone, which was undisturbed by the 

surgical procedure. The loss of bone mineral was quantified using !CT by measuring the 

volume of mineralized tissue in a ROI defined by projecting the cylindrical ROI for the 

implant in the axial direction through the parietal bone. The total volume of bone in each 

group was determined using this method (Figure 5.3). The total bone volume ranged from 

10.7-15.2 mm3 (BG = 11.3 ± 4.4 mm3, BO = 10.7 ± 3.8 mm3, MC = 12.1 ± 3.0 mm3, E = 

15.2 ± 1.4 mm3). The empty group demonstrated more total bone volume after 4 weeks 

compared to the BG and BO groups. !CT volume renderings of representative implants 
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provide examples of bone augmentation and bone resorption observed in the present 

experiment (Figure 5.4). 

A complication was observed with soft tissue healing after surgery for some 

cassettes. The soft tissue overlying the implantation sites remained patent in the 

immediate 2 weeks following the surgical procedure. However, in some cases further 

postimplantation, the overlying soft tissue became necrotic jeapordizing the patentcy of 

the tissue overlying the implanted cassettes. The incidence of implants with or without 

overlying soft tissue necrosis, hereafter referred to as necrotic and healthy, respectively, 

is represented in Figure 5.5. Though there is an apparent trend, based on these data, a 

statistically significant correlation between tissue response and implant type could not be 

established. 

In order to understand the effect of soft tissue response on orthotopic tissue 

response to the hydrogel composites, the measurement of total bone volume was 

separated according to implants associated with either necrotic or healthy tissue (Figure 

5.6). A correlation between total bone volume and tissue necrosis was found for the BO 

group only. For the BO group, total bone volume was 9.0 ± 3.5 mm3 at necrotic 

implantation sites and 13.6 ± 2.1 mm3 at healthy implantation sites. 

Total bone volume also was compared between groups based on the soft tissue 

response at each implantation site. For necrotic implantation sites, total bone volume for 

the empty group exceeded the BO group (E = 15.0 ± 1.7 mm3, BO = 9.0 ± 3.5 mm3). 

Histology 

Histology was performed on representative samples from each experimental 

group in order to provide an indication of the tissue response to each type of implant. A 

representative histological overview shows the hydrogel boundary, the hydrogel/tissue 
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interface, and the distinction between original calvarial bone and augmented bone among 

other features (Figure 5.7). 

The OPF hydrogel matrix was clearly present after 4 weeks of implantation in all 

histological sections. Composite hydrogels were observed in close proximity to bone 

demonstrating adequate positioning to achieve direct apposition. However, direct contact 

was not observed due to the formation of a thin fibrous capsule surrounding the 

hydrogels, separating the hydrogel from the calvarial bone (Figure 5.8, a-b). 

Furthermore, the gelatin microparticles were retained over the course of the 

implantation period and homogeneous distribution of gelatin was observed. Cellular 

infiltration was observed directly within the OPF matrix as well as surrounding individual 

gelatin microparticles, indicating that the porogen was accessible to infiltrating cells 

(Figure 5.8, c-d). Cellular infiltration was predominant on the inferior surface of each 

scaffold but also was observed extending along the sides and to the superior surface of 

composite hydrogels. The cellular infiltration that was observed consisted mainly of 

inflammatory cells including macrophages and foreign body giant cells. Active 

biodegradation of the composite hydrogels was observed in histological images; 

however, the extent of degradation was limited only to the periphery of the scaffolds 

without evidence of inflammatory cell infiltration in the scaffold center over the timespan 

investigated. 

Bone resorption was confirmed histologically in those samples for which !CT 

indicated a reduction in native calvarial bone. Significant osteoclast staining was 

observed in TRAP stained sections from these samples. Osteoclasts were observed 

bounding areas of resorbed bone and forming erosion fronts (Figure 5.8, e-f). Those 

sections of bone affected by osteoclastic resorption were subsequently filled with fibrous 
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tissue after 4 weeks, and bone remodeling of these regions was not observed during the 

time frame investigated (F in Figure 5.8, e-f).  

Generally, mineralized bone was not substantially augmented in most 

experimental samples analyzed histologically, which was consistent with the findings 

from !CT analysis. However, staining for osteoid and mineralized bone outside the 

existing skeletal envelope of the calvarium indicated that bone augmentation occasionally 

was observed (Figure 5.8, g-h). However, even in samples for which maximum vertical 

augmentation was observed, bone height was on the order of hundreds of microns instead 

of millimeters as anticipated. It should be noted that samples exhibiting significant bone 

augmentation were not characteristic of any single group. 

DISCUSSION 

The objective of the present investigation was to evaluate a preclinical animal 

model for bone augmentation. The animal model was evaluated by implantation of 

hydrogel composites consisting of OPF and gelatin microspheres, which both were used 

for the release of BMP-2 in a controlled manner. 

Animal models are under development in the field of tissue engineering in order 

to ensure that the methods used to evaluate technologies in vivo enable conclusions to be 

drawn that are most applicable to clinical translation. The animal model designed for the 

present investigation is applicable to the preclinical evaluation of biomaterials for 

augmentation of facial and cranial contour bone deficits (deficient projection), an 

application in which numerous shortcomings are apparent [221].  

Animal models for studying bone augmentation have been developed in a variety 

of animals including rats, mice, rabbits, and larger animals. Several of these pre-clinical 

models rely on strategies to achieve rigid immobilization of an augmentation material on 

the calvarium, for which securing the material within a cylindrical cassette fit into a 
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partial thickness groove drilled using a trephine [198, 230] or attachment of a cassette 

with screws [197, 226] is regularly used.  Some investigators have attempted rigid 

immobilization using implants held in place by tension in the overlying tissue and found 

a dependence of bone formation rate on the height of the implant, a difference that may 

result from micromotion [227]. Others have employed non-rigid immobilization by 

subperiosteal injection [228] or subperiosteal implantation [231-233]. However, to our 

knowledge, bilateral implantation in the rat using screws has not been reported in the 

literature. Furthermore, bone augmentation using synthetic hydrogel constructs has not 

been investigated in any of the reported preclinical animal models. 

The present study demonstrated that polypropylene cassettes could be implanted 

bilaterally on the parietal bone of the rat and that both rigid immobilization of the 

hydrogel implants within the cassettes as well as isolation of the hydrogel composites 

from the calvarial sutures could be achieved. While these outcomes realized the design 

criteria for the animal model developed herein, the geometry of the implants used in the 

present study may have interfered significantly with the biological response of the 

surrounding tissue. 

Enhanced bone augmentation was expected in scaffolds releasing BMP-2, an 

osteoinductive factor, from the gelatin phase of the hydrogel composites compared to 

scaffolds with BMP-2 loaded in the OPF phase, to material control scaffolds without 

BMP-2, and to the empty group without a hydrogel composite. Gelatin phase loading 

results in delayed release of BMP-2 compared to OPF loading [234]. Therefore, greater 

bone augmentation was expected in gelatin-loaded constructs because studies have 

demonstrated that relatively delayed release of BMP-2 can induce greater ectopic bone 

formation in hydrogel scaffolds [235]. However, the extent of bone augmentation 

quantified using !CT (as the mineralized tissue within the ROI defined by the original 
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scaffold volume) was not different between any of the groups (Figure 5.2). Neither the 

implantation of a hydrogel composite with BMP-2 loading nor the implantation of the 

same composite without BMP-2 (material control) was able to elicit a robust and 

sufficiently consistent bone apposition to establish a difference in bone augmentation 

compared to the empty group. Several causes of this outcome are possible although 

further study would be required to confirm the definitive explanation. Insufficient 

degradation of the hydrogel composites could have inhibited bone apposition. According 

to histology, the OPF matrix was intact and non-degraded gelatin was clearly present at 

the end of the implantation period, which prevented the formation of an interconnected 

pore network structure to enable bone ingrowth (Figure 5.7). While the hydrogel 

composites were undergoing active biodegradation at the scaffold-bone interface 

indicated by infiltration of inflammatory cells, degradation remained limited through 4 

weeks of implantation, and the volume available for tissue infiltration was minimal. 

Previously, delayed degradation was shown to inhibit bone formation in vivo [163]. In 

future studies, an increased gelatin content in addition to a decreased cross-linking 

density would result in an interconnected pore network structure facilitating bone tissue 

ingrowth. 

Bone resorption was observed inferior to hydrogel composites in a number of 

explants according to !CT imaging. Loss of mineralized bone in regions of the calvarium 

that were undisturbed by the surgical procedure was confirmed to be the result of 

osteoclastic bone resorption through the observation of osteoclast erosion fronts in TRAP 

stained sections. The extent by which resorption occurred between the experimental 

implants was quantified using !CT. It was not possible to establish the original 

boundaries of the calvarium in this experiment since !CT imaging was performed only 

after tissue harvest. Therefore the extent of bone resorption was quantified by measuring 
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the total bone volume by projecting the ROI for the implant through the calvarium along 

the z-axis. A valid measurement of the bone loss was determined using this method since 

bone apposition beyond the existing skeletal envelope of the calvarium was limited in all 

groups and did not exceed the level of apposition that occurred in the empty group. The 

result of this measurement revealed that the total volume of bone in the empty group 

exceeded the total bone volume in both the BG and BO groups (Figure 5.3). There was 

no difference in total bone volume comparing the material control to any other group. 

The statistically established difference in bone volume was concluded to be the result of 

bone resorption based on the reasoning outlined above. The importance of periosteal 

blood supply to the bone cortex as well as bone necrosis and deformities that result from 

periosteal deterioration indicate that resection of the periosteum in this animal model may 

contribute to the bone resorption that was observed [236]. However, the reason for the 

difference in total bone volume in the BMP-2 releasing constructs compared to the empty 

group is unknown. BMP-2 has been shown to exhibit catabolic effects associated with 

osteoclastogenesis [237], and clinical use of BMP-2 in lumbar interbody and cervical 

spine fusion has shown high rates of bone resorption (44% and 43% of all patients, 

respectively) in a review of retrospective studies. While allograft resorption following 

these procedures is a normal part of remodeling eventually resulting in new bone 

formation, there is evidence that the use of BMP-2 accelerates and increases the severity 

of the resorption [238]. While the concentration of BMP-2 in the clinical formulation 

(InFUSE, Medtronic) is 1.5 mg/ml [239] compared to 0.04 mg/ml in the present study, 

evidence is limited to support dose dependence, not to mention differences in the tissue 

microenvironment and BMP-2 release kinetics. Further investigation would be required 

to determine whether the tissue response observed in the present study is typical of these 

constructs. 
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Soft tissue necrosis was observed within the immediate area surrounding the 

incision and overlying the superior surface of the cassettes. The potential cause of 

necrosis and the effect of necrosis on the orthotopic tissue response to the implanted 

constructs were examined. While there was an apparent trend in the health of the soft 

tissue overlying the implantation sites according to the type of construct implanted, a 

statistical difference could not be established (Figure 5.5). Therefore, this implies that the 

potential causes for necrosis include the surgical implantation of the polypropylene 

cassettes or the surgical procedure itself. The conventional method of cranial defect 

surgery in the rat recommends closure of the periosteum and skin in two layers [240]. 

However, due to the dimensions of the implants used in this experiment and the physical 

attributes of the periosteum in the rat, which prohibits considerable extension of this 

tissue [227], it was not possible for the surgeon to suture the periosteum over the 

implants. Another possible complication with the implantation of two cassettes per 

animal is the tension created in the skin covering the implants. The compression of the 

cutaneous tissue at the 90-degree edge on the superficial surface of the cassettes may 

simulate the magnetic compression model of ischemic injury in the rat [229]. The 

restriction of blood perfusion would likely result in formation of a pressure ulcer in the 

region of cutaneous tissue covering the superficial surface of the cassettes.  

In order to evaluate the effect of tissue necrosis at the incision site on the 

orthotopic tissue response to the implanted constructs, the difference in total bone volume 

was divided between healthy and necrotic sites (Figure 5.6). Implants in the BO group 

that were covered by healthy tissue had significantly higher total bone volume than those 

in the vicinity of necrotic tissue while the other groups exhibited a lack of dependence of 

total bone volume on tissue necrosis. The similarity in the total bone volume of the BG, 

MC, and E groups between healthy and necrotic implant sites implies that the condition 
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of the overlying skin did not impact the performance of these constructs. However, the 

reason for correlation between tissue health and total bone volume in the BO group is 

unknown. Furthermore, the total bone volume in the empty group exceeded that in the 

BO group for animals with soft tissue necrosis. The most likely reason for this difference 

was that the reductive effect of the BO composite formulation itself on total bone volume 

(Figure 5.3) combined with the detriment of overlying necrotic tissue in the BO group 

(Figure 5.6) resulted in an additive reduction in bone volume relative to the empty group. 

Unfortunately, the complexity involved in bone homeostasis, especially with regard to 

the dynamic tissue environment at the implantation site in the present experiment, 

precludes determining the definitive cause of the correlation in the BO group without 

additional studies. 

The empty group exhibited a less dynamic tissue response, i.e. relatively limited 

change from the native tissue state with regard to the severity of inflammation, growth of 

fibrous tissue, and change in bone volume, over 4 weeks than hydrogel groups as 

demonstrated by histological staining. While the BG and BO groups exhibited 

pronounced inflammation and bone resorption, the MC group was characterized by 

increased inflammatory cell activity at the implant site without considerable bone 

turnover. The empty group on the other hand exhibited a general lack of inflammation 

and minimal fibrous tissue formation. This result was not surprising since the empty 

group was devoid of a biomaterial construct undergoing active biodegradation that would 

elicit a strong cellular response. Furthermore, the resection of the periosteum would 

significantly hinder any de novo tissue formation in the void volume that was created by 

placing the empty polypropylene cassette; whereas, de novo tissue has been shown to 

form within void volumes created in subperiosteal pockets [227]. 
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Although a quantitative assessment of the histological tissue response was not 

possible based on the limited number of samples analyzed, it was possible to establish 

some general conclusions. The composite hydrogels formulated for the present 

investigation exhibited only limited biodegradation over the course of the experiment. 

Even though extensive mass loss was measured for the scaffolds in vitro over the same 

time period [234], degradation seemed to decelerate under the conditions of in vivo 

implantation where very little degradation was observed. Delayed degradation in vivo 

likely reduced the rate and total dose of BMP-2 release over 28 days from both 

formulations since the release kinetics are partly degradation dependent [234]. The 

duration of the inflammatory response or the degradation kinetics of the composites could 

not be evaluated since only a single time point was investigated. 

Future studies intent on improving the animal model developed in the present 

work may focus on existing weaknesses as well as specific challenges associated with 

augmentation procedures in the rat. For example, in some studies evaluating preclinical 

models of bone augmentation, the volume of augmented bone often was only a small 

fraction of the total implant volume [198, 227]; therefore, in these cases and in the 

present study, the implant volume could be greatly diminished to reduce complications 

arising from implant size. Both the height and diameter of the implants in the present 

study could be reduced to a level in which closure of the periosteum would be possible. 

Alternatively, one may implement a soft-tissue expansion procedure prior to onlay graft 

placement to enable tension-free soft tissue coverage and maintain vascular perfusion 

[241]. However, this would require an additional procedure resulting in increased stress 

to the animal. Additionally, bilateral implantation may be reconsidered to reduce the 

overall surgical stress associated with the model. Anterior-posterior implantation of two 

constructs is feasible; however, contact with the calvarial sutures is rendered necessary 
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[198]. Modifications likely would avoid substituting for the use of screws to immobilize 

the constructs, a strength of the present model. In lacking a standardized approach to 

preclinical assessment of bone augmentation, combination of the preceding strategies has 

the potential to improve upon available methods by overcoming associated disadvantages 

as described herein. In short, future studies may modify the animal model slightly to 

overcome current weaknesses, tune the hydrogel composites to achieve accelerated 

degradation relative to the present study, and extend the time of implantation to assess the 

duration of the inflammatory response and hydrogel degradation kinetics. 

CONCLUSION 

The objective of the work described herein involved development of a novel 

preclinical bone augmentation model for biomaterial testing. The animal model was 

designed to enable rigid immobilization of bilateral cranial implants in the rat while 

avoiding direct contact between the implants and the calvarial sutures. Initial evaluation 

of the animal model was performed using hydrogel composites of OPF and gelatin 

through the implantation of four groups, namely (1) composites with 40 ng/!l BMP-2 

loaded in the gelatin phase, (2) composites with 40 ng/!l BMP-2 loaded in the OPF 

phase, (3) composites without BMP-2 (material control), and (4) empty cassettes. The 

results demonstrated effective realization of the design criteria for the animal model; 

however, conclusive evaluation of the experimental groups was hindered. None of the 

experimental groups promoted significant bone augmentation compared to the empty 

control. Osteoclastic bone resorption occurred in a number of samples and bone loss was 

significantly higher in the groups releasing BMP-2. The composite hydrogels 

investigated demonstrated slower than optimal degradation kinetics and may be modified 

in future studies to exhibit relatively accelerated degradation in vivo. While the animal 

model developed in the current study exhibited weaknesses that require improvement in 
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future investigations, practical information was obtained on the limiting geometry of 

implants extending above the calvarial surface in the rat. Furthermore, the efficacy of 

using screws to secure implants to the parietal bone in the rat, rigid immobilization of the 

implants, and isolation of the implants from the calvarial sutures were demonstrated. 
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TABLES AND FIGURES: 

Table 5.1: This experiment involved the implantation of 4 groups including OPF 
composite hydrogels with 2 different phases of BMP-2 loading, a material 
control without BMP-2, and an empty control consisting of the implantation 
of an empty cassette. 

Implant type Abbreviation BMP-2 BMP-2 loading phase Number of implants tested 

BMP-2 gelatin BG Y Gelatin 16 

BMP-2 OPF BO Y OPF 16 

Material control MC N N/A 16 

Empty cassette E N N/A 12 
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Figure 5.1: Schematic representations of the animal model are provided with a top view 
showing implant positioning (a) and a coronal section through the center of 
the implants (b). A digital photo shows bottom and top views of the 
polypropylene cassettes and stainless steel screws (c).  
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Figure 5.2: Augmented bone volume represents the volume of bone detected using !CT 
within the original scaffold volume after 4 weeks. The augmented bone 
volume does not provide any information pertaining to the volume of bone 
within the initial skeletal envelope of the calvarium. Bars represent mean ± 
standard deviation for n=16 (BG, BO, MC) or n=12 (E). 
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Figure 5.3: Total bone volume represents the sum of the total volume of bone present 
within the original scaffold volume (augmented bone volume) and the 
volume of bone directly inferior to the scaffold at the implantation site 
defined by projecting the cylindrical scaffold ROI in the axial direction 
through the calvarium. Bars represent mean ± standard deviation for n=16 
(BG, BO, MC) or n=12 (E). A horizontal line connecting two groups 
indicates a statistically significant difference in total bone volume (E > BG, 
BO) (p<0.05). 
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Figure 5.4: A comparison of representative samples demonstrates bone augmentation (a) 
and bone resorption (b) observed in the present experiment. As pictured, 
bone augmentation is characterized by a relatively broad leading edge and 
mostly uniform surface with significant bony protrusions (a) while bone 
resorption exhibits a relatively thin structure at the near edge with 
significant resorption cavities distributed across the surface (b).  Only the 
mineralized volume (based on lower and upper threshold indices of 70 and 
255, respectively) within each cylindrical region of interest specified for 
total bone volume quantification is pictured. The scale bar (1 mm) indicates 
distance along the horizontal axis. The representative samples were from 
groups BG (a) and MC (b). 
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Figure 5.5: Necrosis was identified by gross observation during the implantation period 
and confirmed by gross visual inspection during dissection of the animal 
immediately following euthanasia for n=16 (BG, BO, MC) or n=12 (E). 
Animals experiencing prolonged inflammation, redness, and swelling with a 
non-healing wound at the incision site along with an area of necrosis 
resulting in scab formation were classified as having necrotic soft tissue for 
the purposes of the present work. 
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Figure 5.6: Total bone volume represents the sum of the total volume of bone present 
within the original scaffold volume (augmented bone volume) and the 
volume of bone directly inferior to the scaffold at the implantation site 
defined by projecting the cylindrical scaffold ROI in the axial direction 
through the calvarium. Bars represent mean ± standard deviation for n=16 
(BG, BO, MC) or n=12 (E). A horizontal line connecting two groups 
indicates a statistically significant difference in total bone volume (for 
necrotic sites, E > BO). An asterisk indicates a statistically significant 
difference between healthy and necrotic implantation sites within the same 
group (BO healthy > BO necrotic) (p<0.05). 
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Figure 5.7: Representative coronal section of a composite hydrogel implant (from group 
BG). The scale bar represents 250 !m (original magnification 5x). Features 
denoted include OPF hydrogel (H), gelatin microparticles (G), bone (B), 
void space (V), augmented bone (asterisks), and regions of cellular 
infiltration (black arrows). 
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Figure 5.8: Representative views from coronal sections of composite hydrogel implants 
are shown in a-h. Scale bars represent 50 !m in a, c, e, and g and 10 !m in 
b, d, f, and h (original magnification 10x and 40x, respectively, with regions 
of enhanced magnification denoted by black boxes). Features denoted 
include OPF hydrogels (H), gelatin microparticles (G), fibrous tissue (F), 
inflammatory cells (I), foreign body giant cells (black arrows), bone (B), 
osteoclasts (OC), augmented bone (asterisks), and osteoid (O). H&E 
staining in (a-d) demonstrates intact OPF hydrogels and gelatin 
microparticles, formation of a fibrous tissue capsule, and infiltration of 
composite hydrogels with inflammatory cells (macrophages and foreign 
body giant cells) from the inferior calvarial bone surface. TRAP staining in 
(e-f) demonstrates an osteoclast resorption front creating a boundary 
between the native parietal bone and fibrous tissue. Goldner’s trichrome 
staining in (g-h) demonstrates osteoid formation at the bone surface. The 
representative samples were from groups BG (a-b, g-h), BO (c-d), and MC 
(e-f).
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Chapter 6: Synthetic biodegradable hydrogel delivery of demineralized 
bone matrix for bone augmentation in a rat model‡ 

ABSTRACT 

The objective of the present study was to investigate a synthetic biodegradable 

hydrogel for the delivery of demineralized bone matrix (DBM) for bone augmentation in 

a rat model. Oligo(poly(ethylene glycol) fumarate) (OPF) constructs were designed and 

fabricated by varying the content of rat-derived DBM particles (either 1:3, 1:1, or 3:1 

DBM:OPF weight ratio on a dry basis) and using two DBM particle size ranges (50-150 

or 150-250 !m). The physical properties of the constructs and the bioactivity of the DBM 

were evaluated. Select formulations (1:1 and 3:1 with 50-150 !m DBM) were evaluated 

in vivo compared to an empty control to investigate the effect of DBM dose and construct 

properties on bone augmentation. Overall, 3:1 constructs with higher DBM content 

achieved the greatest volume of bone augmentation exceeding 1:1 constructs and empty 

implants by 3-fold and 5-fold, respectively. As such, we have established that a synthetic, 

biodegradable hydrogel can function as a carrier for DBM, and that the volume of bone 

augmentation achieved by the constructs correlated directly to DBM dose. 

                                                
‡ This chapter was submitted for publication as Kinard LA, Dahlin RL, Lam J, Lu S, Lee EJ, Kasper FK, 
Mikos AG. Synthetic biodegradable hydrogel delivery of demineralized bone matrix for bone augmentation 
in a rat model. Acta Biomater. 
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INTRODUCTION 

Bone augmentation can be broadly defined as the formation of bone beyond the 

existing skeletal envelope at an orthotopic skeletal site. Bone augmentation may be 

attempted in the vertical or lateral direction in a variety of geometries and may be 

required for functional and/or aesthetic restoration. Inadequate bone volume may result 

from tooth extraction, disease, trauma, tumor resection, and other causes of deformities. 

Edentulous patients may require bone augmentation for implant placement, and the 

disease causing tooth loss may interfere with the effectiveness of bone augmentation 

procedures [242]. 

Clinical indications for augmentation surgery include alveolar ridge, sinus, or 

contour deficits. Alveolar ridge augmentation treats deficits of the 3 classes in the bucco-

lingual and/or apico-coronal direction, which may involve shortage of width and/or 

height [242]. Sinus augmentation treats the atrophic posterior maxilla to enhance bone 

volume for implant placement [243]. Contour deficits are characterized by insufficient 

bone volume or projection at a skeletal site, which disrupts the expected facial contours 

[221]. Generally, autologous bone is the best grafting material; however, synthetic or 

other natural materials provide an alternative when autologous bone is unavailable, and 

off-the-shelf options greatly simplify the procedure [244]. To study bone augmentation in 

a preclinical animal model, it was essential to use an easily accessible region of compact 

bone with adequate space for surgery and implantation. As such, we designed a rat model 

with augmentation of the parietal bone in order to meet the above requirements, the 

parietal bone model having been established in the literature with clear success [198]. 

Oftentimes, interventions of the above sort employ demineralized bone matrix 

(DBM), the acid-extracted organic matrix of bone. DBM functions as an osteoinductive 

and osteoconductive biomaterial delivering osteogenic growth factors in a bioresorbable 
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form [245]. Commercial DBM formulations often employ excipients, inactive substances 

primarily added to enhance the handling properties [221]. Biopolymer excipients lack 

significant tunability and suffer from irreproducibility compared to synthetic materials 

[246]. Using an excipient neglects the potential of the carrier phase to augment the 

osteogenic activity of the DBM. Some researchers have attempted to enhance DBM by 

adding growth factors including BMP-2 [247], VEGF [248], and TGF-#1 [249]; 

however, considerable interest and opportunity remains to explore the enhancement of 

any of these systems with the added flexibility of a synthetic drug delivery system. 

Synthetic hydrogels such as oligo(poly(ethylene glycol) fumarate) (OPF) have the 

potential to enhance the osteogenic effect of DBM as injectable formulations for cell 

encapsulation and controlled drug release [188]. To that end, we investigated whether 

OPF, in a simple and unmodified form, could serve as a suitable delivery system for 

DBM. We hypothesized that, in a rat model of bone augmentation, greater bone volume 

and height would be achieved by OPF constructs with higher DBM content owing to the 

greater dose of osteogenic material and to accelerated degradation.  

MATERIALS AND METHODS 

Experimental design 

The study was split into two parts. The first aimed at designing and testing the 

fabrication process, elucidating the influence of DBM content and particle size on the 

physical properties of the constructs, and testing the bioactivity of the DBM. The second 

part aimed at investigating the constructs in the rat bone augmentation model and 

evaluating gross appearance, augmented bone volume, maximum height, and overall 

tissue appearance by histology. The constructs formulated to complete the above study 

design are listed in Table 6.1. 
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OPF synthesis 

OPF was synthesized from poly(ethylene glycol) (PEG) (Sigma Aldrich, St. 

Louis, MO) with nominal number average molecular weight of 3,350 Da as reported 

[188]. The resulting OPF had Mn 7500 ± 200 Da and Mw 36,300 ± 600 Da as determined 

by gel permeation chromatography using a Waters system with a Styragel HR 4E column 

and chloroform solvent. The molecular weight was determined using a PEG standard 

curve. 

DBM harvest and processing 

DBM was harvested from the tibiae and femora of 12 week, Fischer 344, male 

rats based on reported methods [250, 251] under the authorization of the Rice University 

Institutional Animal Care and Use Committee. Briefly, bilateral tibiae and femora were 

harvested and soft tissue was removed. The bone ends were removed and bone marrow 

was flushed with PBS. Bones were crushed to yield bone fragments on the mm size scale. 

Fragments were placed in 95% ethanol at 4°C for 16 h. The fragments were then moved 

to ethyl ether at 4°C for 6 h. The bone fragments were filtered and dried. The fragments 

were further pulverized in a mortar and pestle and sieved to achieve fractions in the range 

of 50-150 and 150-250 !m. The DBM particle fractions were demineralized in 0.6 M 

HCl at 4°C for 14 h then filtered and dried. DBM particles were stored at -20°C. 

Composite fabrication 

Composites were fabricated using an established method [252] as follows. Dry 

components, OPF, PEG-diacrylate (Glycosan BioSystems, Inc., Alameda, CA), and 

DBM, were combined and added to PBS. Thermal radical initiators, ammonium 

persulfate and tetramethylethylenediamine (Sigma Aldrich, St. Louis, MO), were added 

to initiate crosslinking and the mixture was injected in a Teflon mold and incubated at 

37°C for 8 min for crosslinking to proceed. After 8 min, the composite hydrogels were 
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removed from the mold and cultured in vitro or implanted in the rat. For the in vitro 

study, constructs were placed in 24 well plates in 1 ml PBS or PBS supplemented with 

400 ng/ml collagenase 1A (Sigma Aldrich, St. Louis, MO) (Col PBS). Composites were 

maintained at 37°C on a shaker table at 70 rpm with medium changes after 1 day and 

continuing twice weekly.  

In vitro histology 

Histology of in vitro samples was performed by embedding composite hydrogels 

in Histoprep freezing media and making 10 !m frozen sections using a cryotome (Leica 

1850CM UV). Sections were stained with Picrosirius Red to reveal the collagen matrix of 

the DBM particles. Images were taken using a light microscope (Nikon Eclipse E600). 

Physical characterization 

The composite hydrogels in the present study were characterized in terms of their 

degradation, mass swelling, and compressive mechanical properties according to reported 

methods [234]. Degradation was measured as the fraction of dry mass remaining for up to 

5 weeks relative to the dry mass at day 0 (n=3). Mass swelling was measured as the ratio 

of wet weight to dry weight of the samples at each time point for up to 5 weeks (n=3). 

Compressive mechanical properties were measured on a Thermomechanical Analyzer 

(TMA 2940, TA Instruments, New Castle, DE) at a compression rate of 0.1 N/min where 

the compressive modulus was determined as the initial slope of the stress-strain curve 

(n=3). 

Osteogenesis assessment 

The relative osteogenic activity of DBM was determined using the C2C12 cell 

line assay (ATCC) [253]. C2C12 cells were expanded in high glucose DMEM medium 

with 10% FBS for several days. C2C12 cells were lifted with 0.25% w/v trypsin and 
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seeded at 50,000 cells per well in a 24 well culture plate and allowed to attach overnight 

(n=5). Medium was replaced with high glucose DMEM with 1% FBS for the control or 

supplemented with 4 mg/ml DBM with particle size of 50-150 !m for the test. Alkaline 

phosphatase (ALP) activity (nmoles p-Nitrophenol/h) was determined and normalized to 

DNA (!g). 

Animal surgeries 

Animal surgeries were performed under the authorization and guidance of the 

Rice University Institutional Animal Care and Use Committee and complete NIH 

requirements were followed (NIH Publication #85-23 Rev. 1985). Surgery was 

performed on 24 animals (12 week, Fischer 344, male rats) divided into 3 groups (n=8 

per group). The groups consisted of an empty Teflon ring and two composites with a 

DBM:OPF ratio of 1:1 or 3:1. The surgical procedure and surgical setup were adapted 

from previous studies [198, 252]. General anesthesia and postoperative care were 

performed in a typical manner for surgeries of this type [115]. The surgical procedure 

involved making a sagittal incision through the skin over the parietal bone from 

approximately 2-3 mm anterior the coronal suture to 2-3 mm posterior the lambdoid 

suture. A matching incision was made in the periosteum and the tissue was carefully 

resected. A groove 0.3 mm in depth was drilled using an 8 mm trephine bur in the 

parietal bone centered over the sagittal suture and just anterior to the lambdoid suture. A 

Teflon ring of 1.3 mm height and 8 mm inner diameter was fit inside the groove. After 

placing the implant inside the ring, the periosteum and skin were sutured in two layers 

using running 5-0 and 4-0 Vicryl resorbable sutures, respectively. Animals were 

administered systemic analgesia for a period of 36 h following surgery.     
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Tissue harvest 

After 12 weeks implantation, animals were euthanized under isoflurane anesthesia 

by CO2 asphyxiation. Skulls were harvested using a cutting bur on a dental drill unit after 

blunt dissection of the overlying soft tissue leaving the periosteum intact. Specimens 

were fixed in 10% neutral buffered formation for 72 h and dehydrated in 70% ethanol.  

Microcomputed tomography analysis 

Microcomputed tomography (!CT) was performed on samples in 70% ethanol as 

described previously [252]. Scans were performed at 40 kV and 250 mA. Bone volume in 

the region of interest was determined with a thresholding range of 70-250. The region of 

interest was 8 mm diameter x 1 mm height to match the implant dimensions. The position 

of the region of interest was determined according to the uniform height of the Teflon 

ring and thickness of the parietal bone between animals to ensure accurate positioning. 

Histological analysis 

Specimens were dehydrated in a series of ethanol and decalcified in 60 ml 

Formical 2000 (Decal Chemical Corp. Tallman, NY) with weekly refreshment for 3 

weeks. Specimens were soaked for 1 h in 15% sucrose, soaked overnight in 30% sucrose, 

and then embedded in Histoprep freezing media and frozen at -60°C. Specimens were 

sectioned to 6 !m thickness using a cryotome (Leica 1850CM UV). Sections were 

stained with hematoxylin and eosin (H&E) and imaged on a Zeiss Axioimager Z2 light 

microscope. 

Statistics 

Statistical analysis was performed using ANOVA and Tukey’s HSD post-hoc test 

with a priori significance set to $=0.05. 
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RESULTS 

In vitro histology 

Histological sections were made using 3:1 constructs with 50-150 !m DBM to 

demonstrate the qualitative morphology of the DBM particles as well as their distribution 

in the composites. A representative image is shown in Figure 6.1 although histology was 

performed to confirm the particle morphology and homogeneous distribution in the other 

groups. Morphology and distribution of the particles in 1:1 constructs is demonstrated in 

the in vivo histology section. According to Figure 6.1 the size range is confirmed 

according to the expected result of the sieving process, and particles appear as irregular 

polygons owing to the nature of their processing. 

Degradation 

Degradation is reported in terms of normalized mass relative to the dry mass of 

each group at day 0 as shown in Figure 6.2. Within each group the degradation increased 

as culture progressed. An increase in DBM content correlated to faster degradation of 

hydrogels often resulting in total degradation by 5 weeks. For DBM particle size of 50-

150 !m, 3:1 constructs degraded in as little as 1 week whereas 1:1 constructs degraded 

within 5 weeks. 1:3 constructs degraded relatively little, still retaining half their original 

mass at 5 weeks. For particle size of 150-250 !m, 3:1 constructs degraded in only 1 day, 

while 1:1 and 1:3 constructs did not degrade within 5 weeks. Culture in collagenase PBS 

did accelerate the degradation of the 1:1 constructs by 5 weeks, but no other effect of 

collagenase was observed. Comparing between particle sizes, 3:1 constructs with 150-

250 !m DBM degraded most quickly whereas degradation was accelerated in 1:1 

constructs with 50-150 !m DBM. 
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Mass swelling 

Mass swelling is reported in terms of the wet weight to dry weight mass ratio at 

each time point as shown in Figure 6.3. The data are not reported for any constructs that 

degraded prior to the time point for swelling measurement. Within each group the 

swelling increased as culture progressed. Of significance, 3:1 constructs with 50-150 !m 

DBM had a lower mass swelling than other DBM contents, and for 150-250 !m DBM in 

collagenase, 1:1 constructs had greater swelling than 1:3 constructs at 3 weeks. 

Mechanical testing 

A general measure of the mechanical properties of the constructs was determined 

by measuring the compressive modulus of each construct. The compressive moduli are 

shown in Figure 6.4. No data are reported for 3:1 constructs because they had degraded 

prior to the earliest time point of study, and any other constructs that degraded prior to a 

predefined time point could not be included in the analysis. Within each group the 

compressive modulus decreased as culture progressed. 

After culture time, DBM content exhibited the most significant effect on 

compressive modulus with more DBM incorporation correlating to lesser mechanical 

properties. Specifically, 1:3 constructs had greater moduli for 50-150 !m DBM at 1 week 

for both media types and at 3 weeks for PBS and for 150-250 !m DBM at 1 week for 

collagenase and 3 weeks for PBS. 50-150 !m DBM lowered the compressive moduli of 

1:3 constructs in PBS at 1 and 3 weeks and of 1:1 constructs in PBS at 1 week. Culture in 

collagenase regularly reduced the compressive moduli of 1:3 constructs at 3 weeks for 

both particle sizes. Collagenase also reduced the moduli of 1:3 constructs with 150-250 

!m particles at 5 weeks and 1:1 constructs with 150-250 !m particles at 1 week. 
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Osteogenesis assessment 

The relative baseline level of osteogenic activity of the DBM particles was 

determined by a standard C2C12 cell culture assay. The results are shown graphically in 

Figure 6.5. After a 2-day culture, the normalized ALP expression in the control group 

was unchanged whereas supplementation with 4 mg/ml DBM particles (50-150 !m) 

increased the level of ALP expression 4-fold (p<0.05). 

Ex vivo gross appearance 

At the time of specimen harvest after soft tissue dissection, gross images were 

taken to record qualitatively the nature of the tissue in and around the Teflon ring and 

implant. Representative images from each group are displayed in Figure 6.6. The Teflon 

ring is visible through the periosteum in the transverse views. In Figure 6.6, the empty 

group (A) showed a lack of significant tissue volume within the implant site, while the 

1:1 (B) and 3:1 (C) constructs demonstrated tissue and/or material filling up to the 

maximum height of the ring, which is visible in the images. The 1:1 group appeared to 

contain a significant amount of OPF hydrogel as evidenced by the perimeter of the 

hydrogel disk indicated by the arrow in (B). 

Microcomputed tomography analysis 

The volume of augmented bone was determined from !CT images, and the results 

are shown in Figure 6.7B. The augmented volume refers to the absolute volume of bone 

that formed beyond the existing skeletal envelope during the 12-week implant duration as 

defined above. The empty, 1:1, and 3:1 groups achieved approximately 2, 3, and 10 mm3 

of bone formation, respectively. Accordingly, the 3:1 constructs achieved a 5-fold 

increase in augmentation compared to the empty control group and a 3-fold increase 

compared to the 1:1 constructs (p<0.05).  
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The maximum height of augmented bone beyond the existing skeletal envelope 

was determined from the !CT images, and the results are shown in Figure 6.7C. Regions 

of bone augmentation facilitated by conduction along the Teflon ring were excluded from 

the measurement to negate the influence of the augmentation model in this outcome. The 

maximum height refers to the maximum height of bone augmentation achieved superior 

to the native bone surface at 12 weeks within the region of interest defined earlier, which 

was implemented in the augmented bone volume measurement. The empty, 1:1, and 3:1 

groups achieved approximately 0.19, 0.64, and 0.69 mm of maximum bone height, 

respectively. Accordingly, the 3:1 and 1:1 constructs achieved at least a 3-fold increase in 

maximum bone height compared to the empty control group (p<0.05).  

In vivo histology 

H&E staining was performed and representative sections are shown in Figure 6.8. 

In all groups, bone formed predominantly from the parietal bone surface with location 

varying by sample from exclusively around the sagittal suture to only on the periphery 

and anything in between. Compact bone was formed in each group. Bone tended to 

conduct along the inside edges of the Teflon ring in all groups. Greater volume of bone 

was consistently formed in the 3:1 group. OPF was observed within in the 3:1 and 1:1 

groups at 12 weeks. Greatest bone volume directly correlated to greater soft tissue 

volume in the 3:1 implants. 

3:1 constructs generated a large volume of both hard and soft tissue within the 

implant site.  DBM particles undergoing remodeling were observed in the augmented 

bone region with unremodeled particles present in regions with only soft tissue present or 

where OPF was still present at 12 weeks. DBM particles were homogeneously distributed 

at relatively high density. Constructs appear to have retained much less of their original 
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height in the center part of the implant near the sagittal suture compared to the lateral 

portions. 

1:1 constructs generated relatively little tissue within the implant site. DBM 

particles were predominately unremodeled and remained encapsulated in OPF at 12 

weeks. Particles were homogenously distributed with relatively low density compared to 

3:1 constructs. Constructs appeared to maintain their original shape to a larger extent than 

3:1 constructs. 

The empty group generated negligible tissue within the boundaries of the Teflon 

ring with the periosteum regaining its placement immediately superior to the native bone. 

Bone augmentation was localized to the periphery of the implant site with maximum 

bone height formed adjacent to the Teflon ring. 

DISCUSSION 

The present work investigated a new synthetic hydrogel system for the delivery of 

DBM. Constructs were fabricated with DBM homogenously dispersed within the 

biodegradable hydrogel, OPF. We first investigated the fabrication of constructs, the 

effect of DBM content and particle size on construct physical properties, and the 

osteogenic activity of the DBM. In the second part of the study, we investigated the 

ability of the hydrogel carrier to deliver DBM for bone augmentation and answered the 

question of whether constructs with higher DBM content would result in greater bone 

augmentation in volume and height by !CT and histological appearance. 

On construct fabrication, Picrosirius Red staining was implemented in the 

histological analysis of in vitro samples to visualize DBM particles by their high collagen 

content. The particles were homogeneously distributed throughout the hydrogel, which is 

important to the consistency of the approach, and no problems were observed during the 

fabrication such as agglomeration or precipitation of the particles. Further, the individual 
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particle size appears in the appropriate range from the sieving process, and the 

morphology is consistent with typical DBM preparation [254]. Finally, construct 

fabrication proved to be a reproducible process helping to ensure experimental accuracy. 

The results from degradation, mass swelling, and mechanical testing together 

describe the physical characteristics of the constructs and their dependence on fabrication 

parameters including DBM content, DBM particle size, and media type. Because of the 

inherent degradative property of OPF [141], and the interdependence of the various 

physical measures [234], all constructs exhibited degradation, increased swelling, and 

decreased mechanical properties over the course of study. With higher DBM content, 

constructs had accelerated degradation, increased swelling, and lower mechanical 

properties, outcomes consistent with the effect of increasing the content of a degradable 

gelatin microparticle porogen in these hydrogels [234]. Thus the DBM content provides a 

means of tuning the physical properties of these constructs as well as delivering the 

bioactive material at various dosages. 

Focused upon the aim of investigating the effect of DBM content in vivo, the 

physical characterization was performed to evaluate and understand the suitability of 

different particle sizes for the physical performance of the constructs. DBM particle size 

had some effect on the physical properties of the constructs with the exception of 

swelling. 50-150 !m DBM tended to lower the mechanical properties of 1:3 and 1:1 

constructs in PBS at early time points and to result in faster degradation in 1:1 constructs 

by 5 weeks. The 50-150 !m particles have greater surface area to volume ratio, which 

increases the interfacial area between the hydrogel matrix and DBM particles. This 

change combined with the difference in individual volume swelling of the two materials 

likely had a disruptive effect on the OPF matrix that scaled with the size of the interface 

resulting in the observed effect on physical properties [234]. Collagenase culture was 
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implemented along with PBS culture to more fully understand the potential effects of 

DBM content and particle size in an environment more similar to that of conditions 

experienced in vivo [157]. The effect of collagenase culture was of varying importance to 

the different physical measures in the present study. With regard to degradation and mass 

swelling the effect of collagenase was limited; however collagenase culture regularly 

lowered the mechanical properties of the constructs by 3 weeks. To explain this effect, 

individual DBM particles composed of collagen undergo bulk degradation in the 

presence of the enzyme. At an intermediate state, reduced crosslinking density allows 

greater volume swelling of the DBM, which mechanically disrupts the surrounding OPF 

matrix [157]. This effect reduces the mechanical properties of the construct without 

greatly influencing degradation or mass swelling thus showing the potential effect of in 

vivo culture conditions on construct mechanical properties. 

In summary, we established a proof of concept for using OPF as a delivery system 

for DBM, and DBM content and particle size had important effects on the various 

physical properties investigated. The 50-150 !m particle size range presented the most 

favorable option for in vivo testing based on accelerated degradation of the 1:1 constructs, 

better handling properties of the 3:1 constructs, and increased surface area for tissue 

contact and remodeling. 

An in vitro assay was utilized in this work to confirm the osteogenic activity of 

the rat-derived DBM. The induction of C2C12 cells to upregulate their production of 

ALP is an established method of determining the relative osteogenic potential of various 

materials [253, 255, 256], and the method has been validated against an in vivo 

osteoinductivity model [253]. The DBM particles evaluated in the present work 

maintained high levels of osteogenic bioactivity as evidenced by the upregulation of ALP 

4-fold compared to the control culture. Considering the use of established methods for its 
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preparation and its osteogenic activity, the DBM utilized in the present work was 

expected to display bioactivity in vivo. 

The present work implemented a new surgical setup for bone augmentation in the 

rat shown schematically in Figure 6.7A. Our model was designed in large part based on 

lessons learned from two previous models in the rat. In the first, investigators implanted 

two anterior/ posterior implants (6 mm diameter, 2 mm height) per rat within groove-

immobilized Teflon rings, and the authors used the model for the study of porous CPC 

[198]. In the second study, our laboratory implanted two left/right implants (6 mm 

diameter, 2 mm height) per rat within screw-immobilized polypropylene cassettes [252]. 

Though less influential to our design, others have used subperiosteal pockets [228, 231-

233, 257], non-immobilized rings [227, 258], and groove [230, 259] or screw 

immobilization [226, 241, 260]. Our new model has the advantage of matching the 

dimensions of the rat critical-sized calvarial defect (8 mm diameter) [240] allowing 

scaffolds to be tested directly for bone augmentation without repeating in vitro 

characterization. Our model also incorporates advantages of previous models such as 

rigid immobilization to prevent micromotion and use of the Teflon ring to prevent soft 

tissue compression of the implant. 

Recognizing the potential hindrance to bone augmentation of having degradation 

proceed more slowly than tissue ingrowth in hydrogel constructs [252], designing 

constructs that completely degraded in vitro on an abbreviated timescale would be 

promising to the application of these constructs in vivo. Even in vitro degradation periods 

as brief as 1 week like we observed in some groups would be expected to scale to several 

weeks in vivo providing adequate support for bone induction based on the correlation of 

in vitro and in vivo degradation rates observed previously in composite hydrogels [213]. 

This outcome was observed whereby 3:1 constructs degraded almost entirely within 12 
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weeks in vivo evidenced by histology sectioning. Thus, the more rapid degradation 

proved to suit the augmentation strategy by providing more void space for bone 

augmentation compared to the more slowly degrading 1:1 constructs, which remained 

largely intact at study completion. This result gleaned from histology aligned with 

observations of the gross appearance of 1:1 constructs as shown in Figure 6.6. 

As to the animal model implemented in the present study, the ex vivo images 

show excellent gross healing of the periosteum, complete degradation of the 

subcutaneous sutures, reproducible and immobile placement of the Teflon ring, and lack 

of noticeable deformation of the ring with time. The most definitive single measure to the 

outcome of a scaffold-based approach to bone augmentation is the total volume of 

augmented bone in the implant site. Traditionally, augmented bone volume has been 

determined by either histomorphometry or !CT. Histomorphometry has the inherent 

drawback of providing a segmented view of the region of interest based on the spacing of 

sections on which the calculation is performed followed by averaging and scaling the 

result [258, 259]. !CT on the other hand, provides a complete view of the region of 

interest [230, 252, 261]. As such, we employed !CT imaging in the present investigation 

to quantify new bone formation and histology for qualitative information about the new 

tissue formation. The DBM content of the constructs had a significant impact on the 

volume of bone augmented. 3:1 constructs produced more than 3-fold greater bone 

volume compared to the 1:1 constructs and 5-fold greater bone compared to the empty 

controls. Coincidentally, 3:1 constructs contained a 3-fold greater concentration of DBM 

compared to 1:1 constructs, and ectopic bone volume has been shown to vary linearly 

with DBM dose [262]. While the incorporation of DBM likely acts dose-dependently 

based on its osteogenic bioactivity [253], the changes in construct physical properties 

have potential to significantly affect the outcome by way of accelerated degradation of 
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the OPF hydrogels. In previous studies, when OPF hydrogels showed delayed 

degradation in vivo, tissue ingrowth was hindered [163, 252]. According to our histology, 

the 1:1 constructs retained a high proportion of OPF within the implant site at 12 weeks, 

which likely inhibited tissue ingrowth and prevented significant augmentation from 

occurring. The 3:1 constructs, on the other hand, are mostly void of OPF at 12 weeks, 

indicating accelerated degradation, which would have enabled tissue ingrowth to occur 

more freely and result in greater augmentation.  

While the results of total augmented bone volume varied due to DBM content, the 

maximum height of augmented bone was similar between 3:1 and 1:1 constructs, both 

exceeding the empty control by at least 3-fold. From !CT, 3:1 constructs often displayed 

robust augmentation with interconnected bone spanning from the native surface to the 

maximum height. However, 1:1 constructs often resulted in a somewhat more 

disconnected bone structure whereby the maximum height was achieved by a rogue bone 

nucleation site. 1:1 constructs then show potential to perform well in terms of augmented 

bone volume but may require a longer time to allow greater OPF degradation in order to 

match the performance of the 3:1 constructs.  

Finally, the histology staining was able to extend, explain, and reinforce the many 

notable outcomes already described. Compression of augmentation implants due to 

tension in the overlying soft tissue has been shown to reduce total bone augmentation 

[227]. The 3:1 implants showed height reduction in their center by histology; however, 

the effect did not reduce the volume of bone augmented in that region compared to the 

periphery showing that the model used was capable of projecting the potential of the 

treatment in the absence of compressive forces. 

To our knowledge, the present study represents the first application of a synthetic 

hydrogel for the delivery of DBM for bone augmentation. Besides functioning as an 
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excellent inert carrier, OPF can be utilized for encapsulation of mesenchymal stem cells 

[150], growth factor [143] or gene delivery [160], and incorporation of cell binding 

moieties [169], or other osteoconductive domains [166, 172]. Thus, the OPF hydrogel 

presents a platform technology for future development of the carrier phase to augment the 

osteogenic bioactivity of DBM.  

CONCLUSION 

The present work evaluated the bone augmenting effect of DBM delivered via 

OPF synthetic hydrogels. Rat-derived DBM demonstrated osteogenic activity and 

constructs could be fabricated with homogeneous particle dispersion. The physical 

properties of the constructs were evaluated, and we observed degradation, increased mass 

swelling, and decreased mechanical properties with culture time. Higher content of DBM 

accelerated those changes, and variation due to particle size was dependent on the content 

as well. The effect of DBM content was investigated in a vertical augmentation model in 

the rat, and we observed a dose dependent effect of DBM on the volume of bone 

augmentation but not on maximum height. The results were confirmed and further 

explained by histological staining. Altogether an innovative DBM delivery system is 

provided. 
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TABLES AND FIGURES: 

Table 6.1: Construct formulations. DBM:OPF refers to the ratio of the components on a 
dry weight basis. Col PBS refers to PBS supplemented with 400 ng/ml 
collagenase 1A. 

IN VITRO    
 DBM:OPF Particle size (!m) Media 
 1:3 50-150/150-250 PBS/Col PBS 
 1:1 50-150/150-250 PBS/Col PBS 
 3:1 50-150/150-250 PBS 
IN VIVO   
 DBM:OPF Particle size (!m) 
1:1 1:1 50-150 
3:1 3:1 50-150 
Empty N/A N/A 
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Figure 6.1: Picrosirius Red stained 10 !m thin section of a representative 50-150 !m, 3:1 
DBM:OPF construct showing red staining for collagen (original 
magnification 10x). 
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Figure 6.2: Degradation of 1:3, 1:1, and 3:1 DBM:OPF constructs in PBS and Col PBS 
(400 ng/ml collagenase 1A) with 50-150 !m DBM particle size in (A) and 
150-250 !m in (B). Error bars indicate + 1 standard deviation from the mean 
(n=3). Significant differences at each time point are indicated by * for DBM 
content, # for DBM particle size, and + for collagenase culture (p<0.05).  
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Figure 6.3: Mass swelling of 1:3, 1:1, and 3:1 DBM:OPF constructs in PBS and Col PBS 
(400 ng/ml collagenase 1A) with 50-150 !m DBM particle size in (A) and 
150-250 !m in (B). Error bars indicate + 1 standard deviation from the mean 
(n=3). Significant differences at each time point are indicated by * for DBM 
content (p<0.05).  
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Figure 6.4: Compressive moduli of 1:3 and 1:1 DBM:OPF constructs in PBS and Col 
PBS (400 ng/ml collagenase 1A) with 50-150 !m DBM particle size in (A) 
and 150-250 !m in (B). Error bars indicate ± 1 standard deviation from the 
mean (n=3). Significant differences at each time point are indicated by * for 
DBM content, # for DBM particle size, and + for collagenase culture 
(p<0.05).  
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Figure 6.5: Normalized ALP levels for C2C12 cells cultured in general media (control) or 
general media supplemented with 4 mg/ml 50-150 !m DBM (DBM) for 2 
days. Error bars indicate + 1 standard deviation from the mean (n=5). Bars 
connected with horizontal lines with the * symbol are significantly different 
(p<0.05).  



 

 

145 

 

 

Figure 6.6: Gross images taken at specimen harvest after dissection of soft tissue showing 
representative samples from the empty (A), 1:1 (B), and 3:1 (C) groups. 
Images show the transverse plane viewed from directly above. The Teflon 
ring is visible in white. The black arrow indicates the circular edge of an 
intact disc shaped construct. 
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Figure 6.7: Coronal and transverse schematic views of the surgical setup for the 
augmentation procedure (A), augmented bone volume in the region of 
interest (B), maximum height of new bone in the region of interest measured 
from the native bone surface (C), and representative raw !CT images 
showing mineralized tissue in the coronal plane (D). Error bars indicate + 1 
standard deviation from the mean (n=8). Bars connected with horizontal 
lines with the * symbol are significantly different (p<0.05). The red dashed 
line indicates the region of interest in (A). The groove drilled for ring 
placement is visible at the lateral edges of each image in (D). The scale bar 
in (D) represents 1 mm. 
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Figure 6.8: Representative coronal H&E stained histological sections from the empty (A), 
1:1 (B), and 3:1 (C) groups (original magnification 10x). The scale bar 
indicates 0.5 mm. Augmented bone is indicated by the *, DBM particles by 
arrows, and the OPF hydrogel is labeled “H”. 
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