


 
 

 

ABSTRACT 

Polymer-Based Approaches to Bone Tissue Repair and 
Regeneration  

by 

Allan M. Henslee 

 The loss or damage of bone tissue due to trauma or surgical resection remains a 

significant clinical challenge.  Limitations associated with the current gold standard of 

care, autografting, include donor site morbidity and an inherent lack of availability; thus 

prompting the need for alternative therapies and materials.  Poly(propylene fumarate) 

(PPF) is a synthetic polymer that has previously been explored for bone tissue 

engineering applications.  In this work, the properties of various formulations of PPF 

were optimized for specific clinical applications.  Initially, a composite scaffold 

comprised of a solid PPF intramedullary rod and porous sleeve was evaluated in a 

segmental rat femoral defect model.  The presence of the scaffold was able to increase 

the mechanical stability of the defect but also may have acted as a physical barrier to 

bone formation.  In accordance with these results and through interactions with clinical 

collaborators, subsequent formulations of PPF targeted bony fractures and defects of 

the mandible.  Key formulation parameters of PPF were varied in order to develop 

constructs with handling and mechanical properties suitable for mandibular fracture 

repair applications.  Further consideration of the clinical relevancy of PPF-based 

materials led to the development of PPF as an analog to FDA-approved poly(methyl 



 
 

 

methacrylate) (PMMA)-based bone cement products.  It was found that introducing 

crosslinked PPF particles to a liquid PPF phase could reduce the maximum crosslinking 

temperature as well as produce setting and handling characteristics comparable to that 

of current PMMA-based products.  Lastly, as the development of biomaterials must 

continually adapt to fulfill changing clinical needs, a clinically focused project was 

performed in which porous PMMA-based implants were fabricated, characterized, and 

implanted under physician direction.  Although successful, the limitations of PMMA 

including its non-degradable nature and the potential for bacterial contamination led to 

the development of degradable, porous PPF constructs capable of local antibiotic 

delivery for craniofacial applications.  Properties of interest including degradation, 

porosity change over time, and antibiotic release kinetics were found to be suitable for 

craniofacial applications.  The studies described here showcase the range of clinical 

applications that may be fulfilled by PPF-based materials.  
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Chapter 1 

Introduction 

1.1. Motivation: Bone Defects  

The burden of pathologic and traumatic conditions affecting the musculoskeletal 

system in the US is staggering, with an estimated annual cost of $950 billion, or 7.4% of 

the gross domestic product [1].  Examples of interventions include total joint 

replacements and spinal fusions accounting for over 1.1 million and 300,000 procedures 

in 2005, respectively [1].  Also, traumatic bone fractures account for over 1 million 

hospitalizations each year [1].  In addition to civilians, complex bone injuries sustained 

by soldiers during Operation Iraqi Freedom (OIF) and Operation Enduring Freedom (OEF) 

are greater than any other US war.  Attributed to factors such as the increased use of 

personal body protection, the incidence of head and neck related trauma rose from 21 

to 29% of all injuries from WWII to the recent conflicts [2, 3].  Additionally, the survival 
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rate for soldiers incurring battlefield injuries has dramatically increased over the last 6 

decades, from 69.7% in WWII to 88.2% in the latest conflicts (OEF and OIF).  This statistic 

is attributed to better armored vehicles and personnel, intense training, and the close 

proximity of surgical sites to the battlefield [2].  Therefore, the percentage of survivable 

craniofacial trauma cases observed by military surgeons is higher compared to previous 

wars.  The complexity of these wounds has also increased due to the nature of the lack 

of the front line and presence of an insurgency, which has caused an increase in the 

number of improvised explosive devices (IEDs).  Injuries sustained from IEDs are 

particularly difficult to treat because of the common presence of shrapnel and 

contaminants within the wound as well as significant disruption of soft tissue.  Whether 

involving combat casualties or civilians, the loss of bone tissue sustained through injury 

or surgical intervention can be significant.  In many cases, this results in a situation in 

which the bone is incapable of repairing itself, resulting in non-union.  Therefore, the 

bone must be replaced with a substitute material.  

Typical treatment of traumatic bone injuries involves surgical debridement, 

fixation, and reconstruction.  After initial stabilization of the patient, reconstruction 

procedures typically involve stabilization of the fracture (if necessary) with plates and 

screws and a skin or mucocutaneous flap to cover the defect.  In a later surgery 

following adequate stabilization of the site and soft tissue healing, bone would be 

reconstructed using bone grafts or flaps.  Clinical practice involves this delay in definitive 

bone reconstruction in an effort to implant the bone graft or flap into a vascularized and 
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sterile wound environment, increasing the chances of success of the implant.  As an 

additional way to improve the secondary environment for regeneration of osseous 

tissues, the concept of space maintenance has been around since the 1970s.  Space 

maintenance involves the implantation of an alloplastic material into the bony defect 

site to prevent soft tissue infiltration.  After a sufficient time period, soft tissue heals 

around the implant, which can then be removed and replaced with a definitive bone 

graft or flap.  Without space maintenance, clinical experience has shown that wounds 

often contract into the defect causing aesthetic problems as well as making it necessary 

to remove large amounts of soft tissue to make room for the bone graft.  This dissection 

and removal of tissue creates a suboptimal environment for bone growth and 

subsequently reduces the success of a bone graft.   Despite the advantages of space 

maintainers, complications associated with their use still require improvement, such as 

the risk of infection. Factors including the severity of injuries, presence of devitalized 

tissue and foreign materials, prolonged time from injury to antimicrobial treatment, and 

contamination of the wound from the surrounding environment, the patient’s own skin 

or the hospital can all contribute to infection [4, 5].   

 In addition to complications like infection, proper healing of soft tissue over 

space maintainers can be inhibited by a phenomenon known as wound dehiscence.  

Generally, following placement of a space maintainer, a flap of soft tissue is placed over 

the osseous defect and sewn shut.  However, in some instances the wound may become 

dehisced, a phenomenon whereby a wound is ruptured and becomes exposed to the 
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outside environment.  This is a major problem because dehisced wounds will not heal 

properly and a later definitive surgery cannot be performed.  Dehiscence can be linked 

to physical effectors such as the tension of overlying sutured tissues [6] and implant 

properties such as porosity [7, 8]. 

1.2. Anatomy 

Bone is a complex organ with a broad range of functions including facilitating 

movement, protection of vital organs, mineral storage, and blood production.  Its 

structure can be described as a natural composite of intertwined organic and inorganic 

phases [9], with hydroxyapatite comprising the majority of the inorganic phase and 

collagen type I comprising the majority of the organic phase [10]. 

 The craniofacial region contains some of the most important structures in the 

body.  The brain, most sensory organs, and pathways for food and air intake are all 

housed in the craniofacial complex.  Because of the strategic placement of all of these 

structures within mere centimeters of each other, the maintenance of structural 

integrity is of paramount importance to proper function.  Maintenance of proper 

structure is also important to the quality of life of patients afflicted with craniofacial 

injuries.  A person’s face is the first thing one sees when communicating in person, and 

the human brain is adapted to detect slightly abnormal contours or differences in facial 

symmetry.  Therefore, proper repair of craniofacial structures is vital to the 

psychological and emotional wellbeing of patients. 
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1.3. Current Standard of Care 

Most tissue regenerative strategies in today’s clinical practice involve the use of 

grafts.  Grafts, in relation to bone tissue regeneration, involve transferring a segment of 

bone from another site in the same person (autograft), another person (allograft), or an 

animal (xenograft) to the injured site of interest.  Autografts generally have a high 

success rate and represent the current standard of care by which new methods are 

judged.   

Despite widespread clinical acceptance and use of the various types of grafts, 

several major problems associated with their use cannot be overcome.  Because 

autografting involves removal of bone from a secondary surgical site such as the iliac 

crest or ribs, complications such as donor site morbidity and pain, increased operative 

time, reduced quality of life, and potential for further fractures are common [11-14].  

Additionally, if the loss of viable bone tissue is significantly large, as is often the case 

with blast injuries, it may be difficult to obtain the required amount of material to fill 

the defect.  For these reasons, many surgeons have turned to using allografts, 

whereupon tissue from another human (cadaver) is used to fill the defect.  Allografts 

have had success over several decades of use in a variety of applications [15-17].  

However, problems associated with disease transmission, risk of infection with reported 

rates as high as 13% [18], unpredictable host immune responses and limited supply [19] 

have led many clinicians to consider allografts unsafe.  As a last resort in some 

situations, a xenograft may be considered.  However, after many years of trials and 
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experience, the risk of disease transmission, infection, sterilization issues, and host 

rejection have limited the widespread use of this type of graft [20, 21].  

Another FDA approved product for craniofacial defects is porous polyethylene, 

more commonly known as Medpor (Porex Surgical, College Park, GA).  Polyethylene is a 

straight-chained aliphatic hydrocarbon which induces little to no tissue response.  

Because of the porosity of the implant, Medpor has shown the ability to induce soft 

tissue, vascular, and eventually bone ingrowth [22]. Although used successfully to 

restore contour to the face during reconstructive surgeries, little evidence of in vivo 

degradation has been observed for this material [23]. 

 In clinical situations where an implant is utilized, the majority of complications 

and/or failures results from the presence of infection even in the civilian population [6, 

24, 25].  And as described above, the inherent risk of infection in combat related 

wounds is high due to the nature of the injury as well as possibility of wound seeding 

with multiple types of multi-drug resistant (MDR) bacteria [46-49].  Therefore, infection 

must be addressed at all levels of wound care. 

Current approaches to treat traumatic bone injuries often involve a staged repair 

[26].  In many cases, especially those involving battlefield injuries, issues such as 

infection and significant tissue devitalization make it necessary to first provide soft 

tissue coverage and a sterile wound environment before a regenerative approach can 

be implemented [27].  In the first stage, infection and soft tissue healing are addressed 

by placement of antibiotic-laden poly(methyl methacrylate) (PMMA) into the osseous 

wound bed.  The wound is then closed, allowed to heal for weeks to months depending 
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on the patient, and the space maintainer is removed and replaced with another more 

permanent material, such as a bone graft.  In this way, local delivery of antibiotics is 

employed which provides advantages over systemic delivery such as significantly higher 

local concentration of antibiotics and reduced systemic toxicity [28, 29].  Although this 

system is widely used, several disadvantages still exist.  First, the release profile of 

antibiotics from PMMA is suboptimal.  After mixing intraoperatively, antibiotics are 

trapped within the PMMA, a hydrophobic and non-degradable matrix.  Due to these 

material properties and mixing technique, only a small fraction of antibiotics on the 

surface of the material are released, creating a high initial burst and minimal sustained 

release profile.  Reports suggest that less than 10% of the entrapped drug is ever 

released [30-32].  Additionally, this method is inherently disadvantageous because it 

requires multiple surgeries as PMMA is non-degradable.   

1.4. Current Research Approaches 

1.4.1. Multi-Staged approach 

 Current research in repairing defects and involving a two stage approach as 

described above focuses on improving the release kinetics of antibiotics from PMMA 

implants.  A study by Díez-Peña et al. found that by increasing the weight percentage of 

antibiotic to ~20% (up from 2.89%) in a clinically available low-dose gentamicin cement 

(DePuy®), the release mechanism was improved to allow almost complete release of 

incorporated antibiotic [33].  It is thought that increased loading may have created 
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somewhat interconnected reservoirs of gentamicin that allowed the penetration of 

water and subsequent solvation and release of the drug.   

 Other researchers have focused on loading antibiotics in various carriers to 

control release.  Studies by Shi et al. have utilized loaded gelatin and PLGA 

microparticles to extend the release of colistin in vitro from PMMA space maintainers 

[34], where a sustained release of up to 5 weeks was achieved with PLGA.  Other groups 

use a completely different bulk material for drug release.  For example, a biodegradable, 

gentamicin containing polyanhydride implant called SeptacinTM (Abbott Laboratories, 

Abbott Park, IL) was developed for the treatment of osteomyelitis [35].  The product 

offers extended release of gentamicin and has undergone early clinical testing in 

humans.  

 In addition to improving the release of antibiotics from space maintainers, 

research has also focused on improving the soft tissue response in vivo.  As stated 

previously, wound dehiscence can present a serious problem in these situations.  A 

study by Nguyen et al. revealed a decrease in the incidence of dehiscence in a rabbit 

mandibular defect when the surface of the scaffolds was porous versus solid [36].  It was 

suggested that tissue infiltration into pores on the surface of the implant resulted in 

better integration of the implant and surrounding soft tissue, which reduced the 

incidence of dehiscence.  Another study by Kretlow et al. [37] also showed that porous 

scaffolds exhibited a better soft tissue response, and that a scaffold with a porosity of  

17% vs. 45% showed less inflammatory cells at the implant interface.  It was suggested 

that the higher porosity scaffolds may have allowed increased seeding of bacteria 
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present at the time of the surgery within the interior pores of the scaffold, and 

therefore elicited a greater inflammatory response.  With these studies in mind, a 

balance may exist for porous space maintainers where the presence of low porosity (10-

20%) can benefit the soft tissue response through increased integration, but increased 

amounts of initial porosity (≤45%) may provide a nidus for bacteria at the time of 

implantation.  Therefore, one can infer that a low porosity scaffold is desired 

immediately after implantation to facilitate the proper healing of soft tissue without a 

detrimental inflammatory response. 

1.4.2. One stage approach 

An ideal tissue engineering approach to successfully repair craniofacial defects 

would involve a single stage.  As described above, the major problems with today’s 

multi-staged therapies include inadequate release of antibiotics, multiple surgical 

interventions, and the limited supply of regenerative grafts.  All of these problems could 

be solved with a synthetic implant that can provide sustained release of antibiotics, is 

degradable, and has the ability to facilitate bone growth.  Many factors come into play 

when designing such an implant including bulk material selection, overall scaffold 

design, and the incorporation of drugs and characterization of their associated release 

rates.  
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1. Material Selection 

In the search for a suitable scaffold for bone tissue engineering applications, a 

variety of materials have been explored, each with their own unique properties.  Several 

of the more promising materials for craniofacial repair are discussed here.  

Metals such as stainless steel, titanium and cobalt-chromium have been used for 

decades in the field of orthopaedic surgery due to their biocompatibility, strength, and 

processability.  However, the large mismatch in modulus between metals and bone can 

induce stress shielding, a process by which bone density is decreased because of a lack 

of mechanical stimulation due to the presence of the implant [38].  The presence of a 

metallic implant and associated stress shielding can impede native tissue growth and in 

many cases necessitates additional surgery to remove the implant [39, 40].  For these 

reasons, polymeric and ceramic materials have received increasing attention for 

orthopaedic applications. 

Certain ceramics can be derived from natural sources, and have been used for 

decades in clinical situations.  Commercially available examples include coral derived 

hydroxyapatite (HA) (Interpore®, Pro-Osteon®) and bovine derived HA (Endobon®) [41].  

In general, these materials are very similar to the inorganic component of human bone 

in chemical composition and possess an inherent pore structure that allows for blood 

vessel infiltration and subsequent bone ingrowth.   Corralline HA has demonstrated 

good osteoconductivity [42] and has been used in periodontal defects, diaphyseal 

fractures, metaphyseal fractures, and tibial plateau fractures [43, 44].  Despite these 
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early successes, naturally derived ceramics have limited appeal for many applications, 

primarily due to the fact that the pore size/structure and mechanical properties are 

fixed, and therefore cannot be tailored for specific purposes.   

Calcium-phosphate ceramics have been used for over 40 years as bone 

substitutes [41].  Given their similarity in composition to native hydroxyapatite, 

synthetic ceramics possess excellent bioactivity and have shown the ability to aid in 

bone formation in vivo [45].  Commonly used types include hydroxyapatite, tricalcium 

phosphate, and biphasic calcium phosphate.  In general, ceramics are processed at high 

temperatures and are usually provided to clinicians as solid prefabricated structures.  

Therefore, they must be cut and shaped to the size of the defect during the operation, 

making it difficult for the scaffold to obtain good contact at the interfaces and increasing 

the labor associated with their use.  Additionally, the crystalline microstructure of 

ceramics makes degradation in an appropriate time frame difficult. 

In contrast, cements are another material of interest in bone tissue engineering.  

Cements are formed when calcium and phosphate salts are combined with a liquid 

phase and are able to harden at room temperatures.  Because of the ability to set at 

room temperature, cements are capable of forming in situ and provide a distinct clinical 

advantage over traditional ceramics [46].  To allow for tissue ingrowth, porosity is often 

introduced into cements via incorporation of a porogen.  However, when sufficient 

porosity is introduced, the inherent brittle nature of ceramic based materials makes 

them unstable and has hindered their clinical relevance in tissue engineering 

applications [47, 48]. 
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For these reasons, many researchers have turned to the use of polymers for 

bone-related applications.  Common polymers used in bone tissue engineering 

applications include polyesters, poly(ethylene glycol), polyanhydrides, and 

polyurethanes [41].  Each has unique properties and advantages, but the most common 

types of polymers used in medical applications today are saturated polyesters, such as 

poly(lactic acid) (PLA), poly(glycolic acid) (PGA), and the copolymer PLGA.  These 

polymers degrade by cleavage of the ester bond via hydrolysis and subsequent bulk 

erosion.  Because the human body already contains mechanisms for removing lactic and 

glycolic acids from metabolic pathways, the degradation products of PLA and PGA can 

be safely eliminated.  Additionally, several parameters such as molecular weight and 

copolymer ratio can be altered to modify the mechanical properties and degradation 

rates of resulting scaffolds.  Due in part to these properties, these polymers are used in 

several FDA approved products, the most common being degradable sutures [48].  In 

relation to bone tissue engineering, however, polymers with stiffer and more robust 

mechanical properties are generally desired. 

One polymer currently under investigation is poly(propylene fumarate) (PPF).  

PPF is a linear polyester that has been previously used as a scaffold for bone tissue 

engineering applications because of several desirable characteristics.  PPF degrades into 

fumaric acid, propylene glycol, and poly(acrylic acid-co-fumaric acid), which are known 

to be biocompatible [49].  The biocompatibility [50-54] as well as osteoconductivity [50, 

53-56] of PPF have been established both in vitro and in vivo.  Also, the polymer 

possesses mechanical properties on the order of trabecular bone that can be tuned 
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depending on parameters such as the crosslinking agent and initiator concentrations 

[57].  PPF can easily be molded into any shape or form by combining it with N-vinyl 

pyrrolidone (NVP), a crosslinking agent, which makes it into a workable liquid.  The PPF-

NVP mixture can be crosslinked into a solid structure by incorporating benzoyl peroxide 

(BP), a radical initiator. 

2. Antibiotic Release 

 A number of materials have been investigated for the controlled release of 

antibiotics. Examples of materials used include collagen [58, 59], fibrin [60, 61], chitosan 

[62], polyhydroxyalkanoates [63-65], poly(ricinoleic-co-sebacic-ester-anhydride) [66, 

67], poly(lactic acid) [68], poly(lactic-co-glycolic acid),and poly(ε-caprolactone) [69].  

Each of these polymers has the advantage of tunable degradation and subsequent 

release rates, and each has shown some degree of efficacy in reducing infections.  

However, none of these materials has been investigated in an infected segmental bone 

defect that also addresses bone regeneration [70]. 

 The recent rise in antimicrobial resistance among nosocomial infectious 

pathogens is a growing concern to the healthcare industry.  Now becoming 

commonplace, methicillin-resistant Staphylococcus aureus (MRSA) infections kill nearly 

19,000 hospitalized American patients annually [71], and the number continues to rise.   

Oral antibiotics such as doxycycline, trimethoprim-sulfamethazole, and vancomycin 

have proven successful and have been used for decades [72], but increased resistance 

to these drugs continues to be observed.  Another pathogen of increasing concern in the 



 14 
  

 

US is A. baumannii, whose incidence has substantially increased over the past decades 

[73, 74], especially in soldiers returning from the Middle East [75].  Traditionally, 

antibiotics of the group carpapenems have been regarded as the treatment of choice for 

severe A. baumannii infections [76], but the increase in resistant bacteria continues to 

present a problem.  Between 2003 and 2005, Hawley et al. at the Brooke Army Medical 

Center (BAMC) in San Antonio, TX tested the susceptibility of 142 A. baumannii isolates 

with 95 being from soldiers deployed overseas.  They determined that of the 13 

antimicrobial agents tested, the most potent were colistin, polymyxin B, and 

minocycline; exhibiting activity of greater than or equal to 95% of isolates [77].   

3. Osteoinductive Agents 

 In many cases, osteoconductive scaffolds alone are insufficient to induce 

significant bone formation and union of large defects.  Therefore, the use of agents to 

impart osteoinductivity to scaffolds is a well studied technique in the field of bone tissue 

engineering, with the most commonly used agents being Bone Morphogenetic Proteins 

(BMPs).  BMPs are part of the transforming growth factor β superfamily, and are some 

of the most potent osteoinductive proteins known.  Following the discovery of BMPs as 

proteins capable of inducing bone formation by Urist in the 1960s, early studies found 

that certain BMPs initiate the bone healing cascade by recruiting mesenchymal stem 

cells from surrounding tissues and triggering their proliferation and/or differentiation by 

binding to stem cell receptors [78].   Since that time, extensive research has been done 

highlighting the osteoinductive properties of BMPs in many animal [56, 79-85] and 
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human models [86-88].  Specifically, most of this research involves the use of BMP-2, 

primarily due to its high potency at low concentrations.   

Although it has been established that fracture healing is impaired in the 

presence of infection [82, 89], the addition of rhBMP-2 to an infected defect may 

improve bone healing.  Several studies have found that the delivery of BMPs to critical 

sized defects in the rat femur stimulated bone healing, even in the presence of acute or 

chronic infection [81, 82, 90].   

4. Bulk Properties 

 Clinical and laboratory experience has revealed several key properties that 

scaffolds should possess in order to successfully regenerate bone tissue.  One of the first 

bulk material properties is porosity.  Open pore networks within scaffolds allow cells to 

infiltrate and eventually form a vascular network, a precursor to bone formation.  

Although porosity is required for osteogenesis; the exact pore size and porosity 

percentage is less understood.  Initial studies by Hulbert et al. defined the minimum 

pore size for osteogenesis as 100 µm [91], but there is no consensus on the optimal 

pore size for bone formation [92].  Additionally, a more recent study in rabbits has 

suggested that bone ingrowth is not significantly affected by pore size in the 50-125 µm 

range [93].   The effect of the overall porosity of scaffolds on bone formation has been 

characterized with a number of different materials and animal models [94-97].  

Generally, a trend is observed that the highest porosity scaffolds attainable, while still 

maintaining mechanical integrity, results in the greatest bone formation. 
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 The mechanical stability of scaffolds is also an important consideration.  For the 

intended application of large and/or irregularly shaped craniofacial defects, the fixation 

of bones is often necessary in order to stabilize the defect and prevent possible further 

injury.  Fixation is usually accomplished via a screw-secured plate along the bone.  In 

current practice, many times the plate is left in the patient without complication even 

after the implantation of a graft.  Therefore, for the applications outlined in this thesis, 

the mechanical stability of scaffolds is important only in regard to maintaining the space 

of the defect to prevent wound contracture and subsequent facial contour anomalies.  

5. Other Potential Applications 

 The scaffold designs put forward in this thesis do not necessarily have to be 

limited to craniofacial applications.  Other areas of the body where autografting is 

frequently warranted or where osteomyelitis (infection of the bone) may be present 

could benefit from the use of the scaffolds developed here.  For example, the number of 

cases per year of device-related bone infections in the US is approximately 112,000 [98].  

Diseases such as diabetes mellitus can also contribute to the incidence of infection in 

bones.  Diabetic foot ulcers complicated by infection are the second leading cause of 

lower limb amputation in the US [99].   In the past, deep bone infections were treated 

by surgical intervention involving debridement of the area followed by soft tissue 

coverage and systemic administration of antibiotics for up to 6 weeks [100].  However, 

similar to the craniofacial area, effective clearance of pathogens by this method is 

impeded by a lack of vascularization, either due to injury or diseases such as peripheral 
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arterial disease in the case of diabetic patients, which may prevent immune cells or 

systemically delivered antibiotics from reaching therapeutic levels in the infected bone 

[101-103].   Therefore, for reasons similar to infections in the craniofacial region as 

described previously, local and sustained administration of antibiotics is desirable in 

these situations.  

1.5. Summary 

In conclusion, the challenges faced by clinicians with regards to the repair of 

bone defects are daunting.  Current standards of care provide aid to patients but leave 

much room for improvement, especially with large and complex defects.  When 

considering the vast amount of research performed in the last few decades, the solution 

to many of these clinical problems may lie in the development of biomaterials.  To this 

end, the potential for clinical success of a material is directly related to the ability of that 

material to fulfill the known requirements of a clinical application.  Therefore, the 

development of a biomaterial must always reflect the intended application. 
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Chapter 2  

Objectives 

Research regarding the use of the degradable polymer poly(propylene fumarate) 

(PPF) over the past 2 decades has revealed a number of candidate formulations suitable 

for bone tissue engineering applications.  However, as is the case with many promising 

biomaterials, the importance of optimizing a material to meet the requirements of a 

specific application is often understated.  Therefore, increasing consideration of this fact 

combined with strong clinical collaboration had a tremendous effect on the work 

presented here. 

The original goal of this work was to develop a composite PPF-based scaffold for 

bone regeneration applications.  Initially, long bone applications were targeted as this is 

the largest market for bone tissue repair products.  The objective of the first study was 

to determine the effects of a composite scaffold composed of a solid PPF intramedullary 
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rod surrounded by a porous PPF sleeve delivering rhBMP-2 on the mechanical stability 

and bone regeneration in a non-union rat femoral defect.  The focus of this project 

progressed to reflect the lessons learned in this initial study.   

Through interactions with clinical collaborators, the target application for 

subsequent studies in this work became bony fractures and defects of the craniofacial 

region.  Firstly, the objective of the second study was to develop PPF formulations 

designed to address the mechanical fixation of mandibular fractures.  Further 

consideration of the clinical relevancy of PPF-based materials led to the development of 

PPF as an analog to FDA-approved poly(methyl methacrylate) (PMMA)-based bone 

cement products.  The unique properties of PMMA bone cement, including the setting 

and handling characteristics, are among the reasons it is such a widely used product, 

especially in the craniofacial region.  However, because PMMA is non-degradable, it 

must eventually be removed or remain in the patient indefinitely.  Therefore, to 

facilitate the possibility of accelerated translation of PPF-based materials, a novel 

formulation of PPF with setting and handling properties similar to that of PMMA was 

developed for craniofacial applications.  

Lastly, the continual development of biomaterials would not be possible without 

the clinical experience to validate their use.  Specifically, solid PMMA is currently used 

as a craniofacial implant to hold open the space normally occupied by bone following 

the creation of a defect either by surgery or trauma. In these space maintenance 

applications, the success of PMMA-based implants is often hampered by the formation 
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of a perforation in the overlying soft tissue and subsequent exposure of the implant.  

Based on previous research and with significant clinical collaboration, porous PMMA-

based implants were fabricated, characterized, and implanted under physician direction 

into five patients undergoing tumor resection surgery of the mandible.  However, 

limitations of PMMA including its non-degradable nature and the potential for bacterial 

contamination led to the development of degradable, porous PPF constructs capable of 

local antibiotic delivery for craniofacial space maintenance applications.  The specific 

objectives of this thesis are: 

1. Evaluate a PPF scaffold composed of an intramedullary rod, a porous sleeve,  and 

delivering rhBMP-2 for mechanical reinforcement and bone regeneration in a critical-

sized long bone defect. 

2. Determine the effects of composition parameters on the setting, mechanical, and 

network properties of PPF formulations for mandibular fracture repair. 

3. Develop and characterize a PPF formulation with setting and handling properties 

analogous to those of PMMA bone cement for craniofacial applications. 

4. Characterize porous PMMA implants for clinical space maintenance applications.  

5. Develop and characterize PPF-based composites as degradable space maintainers 

capable of local antibiotic delivery.  

 



 21 
  

 

Chapter 3 

Biodegradable Composite Scaffolds 

Incorporating an Intramedullary Rod and 

Delivering Bone Morphogenetic Protein-2 for 

Stabilization and Bone Regeneration in 

Segmental Long Bone Defects1 

3.1. Abstract 

In this study, a two part bone tissue engineering scaffold was investigated 

consisting of a solid poly(propylene fumarate) (PPF) intramedullary rod for mechanical 

                                                      
 

1
 This chapter was published as: Henslee, A.M., P.P. Spicer, D.M. Yoon, M.B. Nair, V.V. 

Meretoja, K.E. Witherel, J.A. Jansen, A.G. Mikos, and F.K. Kasper, Biodegradable composite 
scaffolds incorporating an intramedullary rod and delivering bone morphogenetic protein-2 for 
stabilization and bone regeneration in segmental long bone defects. Acta Biomaterialia, 2011. 
7(10): p. 3627-3637. 
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support surrounded by a porous PPF sleeve for osseointegration and delivery of poly(DL-

lactic-co-glycolic acid) (PLGA) microspheres with adsorbed recombinant human bone 

morphogenetic protein-2 (rhBMP-2). Scaffolds were implanted into critical size rat 

segmental femoral defects with internal fixation for 12 weeks. Bone formation was 

assessed throughout the study via radiography, and following euthanasia via micro-CT 

and histology. Mechanical stabilization was evaluated further via torsional testing. 

Experimental implant groups included the PPF rod alone and the rod with a porous PPF 

sleeve containing PLGA microspheres with 0, 2, or 8 μg of rhBMP-2 adsorbed onto their 

surface. Results showed that presence of the scaffold increased mechanical stabilization 

of the defect, as evidenced by the increased torsional stiffness of the femurs by the 

presence of a rod compared to the empty defect. Although the presence of a rod 

decreased bone formation, the presence of a sleeve combined with a low or high dose 

of rhBMP-2 increased the torsional stiffness to 2.06 ± 0.63 N·mm and 1.68 ± 0.56 N·mm, 

respectively, from 0.56 ± 0.24 N·mm for the rod alone. The results indicate that, while 

scaffolds may provide structural support to regenerating tissues and increase their 

mechanical properties, the presence of scaffolds within defects may hinder overall bone 

formation if they interfere with cellular processes. 

3.2.  Introduction 

Despite the inherent healing capacity of bone tissue, segmental defects remain a 

significant clinical challenge and often result in non-union [104].  Current standard of 
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care relies on the use of stabilization with plates or rods and bone regeneration through 

the use of bone grafts or flaps.  However, this strategy has inherent disadvantages with 

donor site morbidity and subsequent removal of stabilization hardware or lifetime 

placement [105].  While many other bone regeneration strategies have been 

investigated, many do not consider stabilization of segmental long bone defects in 

combination with regeneration and thus still require fixation.  However, there are 

strategies in tissue engineering aiming to address these two issues simultaneously, and 

commonly include the use of a strong scaffold material with or without cells and/or 

growth factors to promote osteogenesis [106-109]. 

In these strategies, the solid scaffold serves as the stabilization of the defect until 

the regenerated bone can sufficiently support the load.  Loading of long bones varies by 

location but can be as much as 45 MPa with simple movements [110]. To support such 

loads, mechanically strong materials, such as ceramics and polymers, must be used 

[107-109, 111-114].  Among those investigated, poly(propylene fumarate) (PPF) is a 

biodegradable linear polyester with many unsaturated double bonds capable of 

crosslinking and it has been shown to be biocompatible [115-118] and osteoconductive 

[108, 116-119].  In addition to material selection, design issues such as scaffold porosity, 

shape, and architecture can all play a significant role in the tissue response, such that 

porosity is necessary for bone-scaffold integration and has significant effects on 

osteoconductivity [120-122].  Studies have previously shown that while solid PPF has 

mechanical characteristics similar to those of bone, porous PPF, commonly used in 
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tissue engineering strategies, decreases the mechanical strength of the scaffold with 

increasing porosity [107, 111].  Strategies to address stabilization and bone regeneration 

have typically employed a solid and porous composite structure or a solid structure with 

degradable porogens to induce porosity [85, 123].  In a study by Kempen et al., a PPF 

intramedullary rod embedded with poly(DL-lactic-co-glycolic acid) (PLGA) microparticles 

for growth factor delivery was used [85]. 

Intramedullary rods are used clinically to stabilize segmental defects and allow 

for bone growth and eventual union over the surface while maintaining mechanical 

support.  Traditional metal intramedullary rods, which are commercially available and 

clinically used, are non-degradable and thus remain in the body for the patient’s lifetime 

but biodegradable systems allow for non-permanent fixation of these types of defects 

and could potentially mechanically stabilize segmental defects while allowing 

regeneration around them.  For this stabilization to be sufficient, the mechanical 

properties of the intramedullary rod would be required to sustain the loads of the bone 

and be fixed to each segment of bone to prevent defect collapse and increase torsional 

stability. 

In addition to scaffold design, delivery of drugs or bone healing promoting 

factors is commonly employed in tissue engineering strategies to accomplish several 

functions required for tissue regeneration [124-129].  A group of growth factors known 

as bone morphogenetic proteins (BMPs) have been studied extensively for applications 

related to bone regeneration.  They have been shown to increase bone formation and 
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are osteoinductive when delivered in a controlled manner [127, 130, 131].  Controlled 

release of BMPs has been studied with various release mechanisms, such as 

microparticle delivery systems [85, 128, 131-140].  Specifically, PLGA microparticles 

have been studied with recombinant human bone morphogenetic protein-2 (rhBMP-2) 

entrapped and adsorbed onto the surface [140]. Protein adsorption presents a delivery 

method that maximizes control of the factors at the time of scaffold fabrication, as the 

rhBMP-2 or other factor is not entrapped during the fabrication of the microparticles.   

In this study, a long intramedullary rod of solid PPF was used to meet these 

mechanical requirements in a rat segmental femoral defect with additional internal 

fixation.  Surrounding this rod, a porous PPF sleeve was used to increase bone 

integration and osteoconductivity and provide a structure for the delivery of rhBMP-2 

adsorbed on PLGA microparticles.  The solid intramedullary rod was hypothesized to 

enhance the mechanical stability with further enhancement by bone integration into the 

porous sleeve when present.  Additionally, bone regeneration was hypothesized to be 

significantly affected by the delivery and dose of rhBMP-2. 

3.3.  Materials and methods 

3.3.1. PPF Synthesis and Scaffold Fabrication 

PPF was synthesized according to established methods [141, 142].  Molecular 

weight was confirmed via gel permeation chromatography (GPC) (Waters, Milford, MA) 
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using polystyrene standards (Fluka, Switzerland).  For this study, PPF with a number 

average molecular weight of 2900 and a polydispersity index of 1.4 was used.   To make 

the solid PPF rods, a solution of PPF and N-vinyl pyrrolidone (N-VP, Sigma-Aldrich, St. 

Louis, MO) was combined in a 4:1 mass ratio and benzoyl peroxide (BP, Sigma-Aldrich, 

St. Louis, MO) was added in 2 wt% of the total PPF/N-VP solution.  The solution was 

then centrifuged at 3000 rpm for 5 min in a Durafuge 100 centrifuge (Thermo Scientific, 

Asheville, NC), poured into 1.6 mm diameter poly(tetrafluoroethylene) (PTFE) molds and 

allowed to crosslink for 24 hr at 60C. The rods were removed, cut to 8.5 mm in length 

and sterilized by ethylene oxide gas.  For fabrication of porous scaffolds, the same 

PPF/N-VP/BP solution was prepared as above and combined with 80% w/w NaCl (300-

500 µm).  The resultant slurry was packed around a 1.6 mm diameter glass rod 

concentrically placed in a 3.5 mm diameter x 25 mm cylindrical PTFE mold.  After 

packing the slurry to remove void spaces, the glass rod was removed and the resulting 

hollow cylinders were allowed to crosslink within the PTFE mold for 24 hr at 60°C.  

Subsequently, the NaCl/polymer cylinders were removed and cut with a diamond saw 

into 5 mm long sections.  The salt porogen of the scaffolds was then leached in ddH2O 

for 1 week with daily water changes, freeze-dried, and sterilized with ethylene oxide 

gas. 

3.3.2. Scanning Electron Microscopy 

Scanning electron microscopy samples were prepared by placing longitudinally 

cut scaffolds on sample holders and sputter coating with approximately 20 nm of gold 
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using a CrC-150 Sputter Coater (Torr International, New Windsor, NY). The top surfaces 

of scaffolds were viewed using a Quanta 400 Electron Microscope (FEI, Hillsboro, OR) 

operated at 30kV. 

3.3.3. PLGA Microparticle Fabrication and rhBMP-2 Adsorption 

PLGA microparticles were fabricated by solvent extraction in a water in oil in 

water emulsion as previously described.[140]  Briefly, 1 g of PLGA (52 mol% DL-

lactide:48 mol% glycolide, ~ 50,000 MW, Purac Biomaterials, Gorinchem, The 

Netherlands) was dissolved in 4 mL of methylene chloride.  500 µL of 0.1 wt% bovine 

serum albumin (BSA) in phosphate-buffered saline (PBS) was injected into the PLGA 

solution and vortexed for 60 s.  Six mL of 0.3 wt% aqueous poly(vinyl alcohol) (PVA) 

solution was added and vortexed for 60 s.  This solution was added to a stirring solution 

of 394 mL 0.3 wt% aqueous PVA solution and 400 mL of 0.2 vol% aqueous isopropanol 

solution.  The extraction took place over 1 hr, when the microparticles were collected by 

centrifugation, rinsed with ddH2O three times, frozen and freeze-dried.  Microparticles 

were sterilized with ethylene oxide gas, stored at -20C and handled thereafter with 

aseptic techniques. 

           To create PLGA microparticles with rhBMP-2 (PeproTech, Rocky Hill, NJ), PLGA 

microparticles were allowed warm to room temperature and a sterile rhBMP-2 solution 

(0.65 mg rhBMP-2/mL PBS/BSA[0.1 wt%]) was adsorbed onto unloaded PLGA 

microparticles in a fluid:particle ratio of 0.8 mL/mg. This ratio provided complete 

wetting of the PLGA microparticles without fluid surplus. After 30 min adsorption time, 
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microparticles were frozen at -20˚C and lyophilized. Thereafter, microparticles were 

transferred into a new vial. 

3.3.4. Composite Scaffold Preparation 

Four PPF based scaffold groups and one empty group were included in the in 

vivo study. The groups are described in Table 3-1 and include: Group E: empty defect; 

Group R: solid PPF intramedullary rod; Group RSB: solid PPF intramedullary rod and 

porous PPF sleeve filled with 30 µL of 24% w/v Pluronic F-127 with 16.67 mg of blank 

PLGA microparticles; Group RSLo: solid PPF intramedullary rod and porous PPF sleeve 

filled with 30 µL of 24% w/v Pluronic F-127 with 12.5 mg of blank PLGA microparticles 

and 4.17 mg of rhBMP-2 adsorbed PLGA microparticles (corresponding to 2 µg of 

rhBMP-2 per scaffold based off of previous studies [85, 134, 143] and scaled to the 

volume of the defect); and Group RSHi: solid PPF intramedullary rod and porous PPF 

sleeve filled with 30 µL of 24% w/v Pluronic F-127 with 16.67 mg of loaded PLGA 

microparticles (corresponding to 8 µg of rhBMP-2 per scaffold based off of previous 

studies [85, 134, 143] and scaled to the volume of the defect).   
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To fabricate the scaffolds prior to the surgical procedure, the porous sleeves 

were prewetted with an ethanol gradient whereby the scaffolds were wet with 100% 

ethanol then serially submerged and washed in solutions with 10% less ethanol in water 

and finally rinsed with sterile PBS three times.  The prewet scaffolds were loaded with 

the Pluronic F-127 and PLGA suspension described above with a vacuum loading process 

by pipetting 15 µL of the mixture into the center of the sleeve and applying 100 mbar of 

vacuum, which was held for 15 s.  This was repeated with an additional 15 µL of the 

Pluronic F-127 and PLGA suspension.  The resultant 30 µL solution penetrated the 

scaffold.  Each sleeve was incubated at 37°C for 10 min after the addition of the Pluronic 

F-127, to gel the solution within the pores.  Figure 3-1A shows the assembled composite 

scaffold. 

 

 

Table 3-1. Abbreviations and sizes for all groups. 
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PFF scaffold shown grossly in (A) where the rod is placed in the porous sleeve and 
microscopically through scanning electron microscopy shown in (B). Scale bar in (B) represents 
500 μm. 

 

3.3.5. Surgical Procedure 

Scaffolds were placed in a critical size segmental femoral defect in a rat as 

previously described [85, 144, 145].  Fifty-three Lewis rats between 325 and 350 grams 

were purchased from Harlan Laboratories (Indianapolis, IN).  All procedures complied 

with protocols approved by the Institutional Animal Care and Use Committee at Rice 

University. 

Briefly, anesthesia was induced using 4% isoflurane in oxygen then maintained 

on 2% isoflurane in oxygen at 0.5 L/min using a nosecone.  The rats were administered 

buprenorphine at 0.05 mg/kg intraperitoneally for perioperative analgesia and 

enrofloxacin at 10 mg/kg, subcutaneously for perioperative antimicrobial activity.  The 

Figure 3-1. Structure of the PPF scaffold. 
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right hind leg of the rat was clipped free of hair and 100 µL of 0.25% bupivicaine with 

1:200 of epinephrine were administered subcutaneously along the incision line.  The rat 

was placed on a warming plate and the right leg was prepared sterilely.  A 2.5 cm 

incision was made on the lateral side of the right leg centered between the hip and 

knee.  The femur was exposed by blunt dissection and a polyethylene plate (22x3x4 

mm) was fixed to the anterolateral side of the femur with 4 threaded Kirschner wires 

(Zimmer, Warsaw, IN).  A 5 mm defect was created in the diaphysis of the femur using a 

cutting bur under irrigation of saline.  The defect was irrigated to remove any residual 

bone dust and bone marrow contents.  The two wires immediately adjacent to the 

defect were removed from the bone but remained in the plate.  The segments of bone 

were rotated to allow placement of the scaffold, where one side of the rod, with or 

without the porous sleeve, was placed in the intramedullary canal of the proximal end 

of the defect and the opposite end was placed in the intramedullary canal of the distal 

end while simultaneously rotating the segments of bone back into alignment.  This 

procedure allowed the placement of an 8.5 mm rod into the 5 mm defect.  Once in 

place, the two wires were screwed back into the bone and the wound closed in two 

layers, muscle and skin, with 5-0 Vicryl sutures (Ethicon, Somerville, NJ).  Each rat was 

given normal saline intraperitoneally at 10 mg/kg per hour of surgery and received a 

radiograph immediately post-operatively to ensure placement of the plate and 

alignment of the femur segments.  Finally, each rat recovered in an elevated oxygen and 

warming environment until responsive and ambulating.  All rats received buprenorphine 

every 12 hr at 0.05 mg/kg for 48 hr postoperatively and at 0.025 mg/kg for the next 48 



 32 
  

 

hr.   Additionally, each rat received radiographs every 3 weeks to assess bone formation 

throughout the study [146].   

All rats recovered immediately postoperatively and returned to ambulation.  Of 

the 53 rats operated on, 9 rats experienced loosening of the plate more than 3 days 

post-operatively.  These animals were euthanized at the discretion of the institutional 

veterinarian due to difficult ambulation.  The remaining 44 rats experienced no altered 

ambulation. 

3.3.6. Radiographic Analysis 

Radiographs were taken using an X-ray machine (Faxitron, Lincolnshire, IL), 

immediately after the surgery (Day 0) and periodically (3, 6, 9 and 12 weeks) after 

anesthetizing the animal with 2% isoflurane. The percentage of bone formation within 

the defect was evaluated blindly and independently by three observers (A.M.H., M.B.N., 

and V.V.M.).  Images were scored according to a modified system described previously 

[147] as shown in Figure 3-2. 
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3.3.7. Microcomputed Tomography (Micro-CT) Analysis 

1. Porous PPF Sleeve:  

Three porous PPF sleeves were scanned using a SkyScan1172 micro-CT (SkyScan, 

Aartsellar, Belgium).  A voltage of 40 kV and current of 250 µA were set for the x-ray 

using a nominal resolution of 5.5 µm/pixel.  The scanned image slices were 

reconstructed with the NRecon program provided by Skyscan, which used a Feldkamp 

3D cone beam reconstruction algorithm [148].  The reconstructed images were oriented 

so that a cylindrical region of interest (ROI) could be created with the CT-Analyzer 

Figure 3-2. Schematic representation of the scoring system used for evaluation of 
radiographic and micro-CT images. 
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software provided by Skyscan.  A binary threshold of 60-255 was chosen when 

determining porosity and pore interconnectivity.  Scaffold porosity was determined by 

the following equation: 

 

 

where V is the object volume composed of the polymer and Vtotal VOI is the total volume 

that was selected to encompass the whole scaffold.  Pore interconnectivity was 

quantified by the following equation, which is based on previous reports [111, 134]:  

 

 

where Vpost is the object volume that is present for the defined cube size.  Briefly, the 

pore interconnectivity percentage was determined by how much volume a pre-defined 

3D cube can migrate through the void spaces within a scaffold from the outside to the 

inside as a percentage of the total void volume of the scaffold. 

2. Rat Femurs:  

All rat femurs (n=8-10) were scanned using the SkyScan 1172 micro-CT imaging 

system prior to histology and mechanical testing.  A voltage of 80 kV and current of 125 

µA with a nominal resolution of 10 µm/pixel with a 0.5 mm aluminum filter were chosen 

Equation 3-1. Scaffold porosity. 

Equation 3-2. Scaffold pore interconnectivity. 
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based on previous reports [34, 48].  A binary threshold of 70-255 was chosen to 

accurately represent the bone as a grayscale image.  Three-dimensional images were 

created using the CT-Analyzer software for all samples and blindly reviewed by three 

individuals (A.M.H., M.B.N., and V.V.M.).  Percentage of guided bone growth within the 

defect area at 12 weeks was assessed using the same scoring system as previously 

described for radiographic analysis. 

The percentage of bone formation was quantitatively determined by creating a 

volume of interest that incorporates the defect and all regenerated bone, with a height 

of 5 mm, length of 8.1 mm and depth of 8 mm.  The ROI height was located equidistant 

from the two K-wires adjacent to the defect.  The data are reported as the percentage 

of bone volume found within the created ROI within the CT-Analyzer software. 

3.3.8. Biomechanical Testing 

Femurs from 5 rats from each group were excised after euthanasia at 12 weeks 

postsurgery.  Excess soft tissue was removed and the femurs were wrapped in PBS-

soaked gauze and stored at -20°C until testing.  Prior to mechanical testing, micro-CT 

scans were taken.  Briefly, samples were thawed at room temperature and the inner 

two K-wires were removed to prevent interference with the x-rays.  After micro-CT 

scans were taken, femur ends were potted in acrylic cement (Great Lakes Orthodontics, 

Tonowanda, NY) in custom made stainless steel holders up to the fixation plate while 

wrapped in PBS-soaked gauze to prevent dehydration.  After sufficient polymerization of 
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the cement; gauze, the remaining outer two K-wires, and fixation plates were carefully 

removed and each sample was mounted in an MTS 858 Mini Bionix II testing system 

(MTS, Eden Prairie, MN) with the bones coaxially aligned to the system axis of rotation.  

Each femur was rotated at 6°/s until failure or for 20 s.   Maximum torque (N-mm) and 

torsional stiffness (N-mm/°) were recorded for each specimen, with the stiffness being 

measured as the slope of the linear portion of the torque–angular displacement curve 

[149, 150].  Mechanically unstable bones were not tested, and their values were 

considered to be zero in the statistical analysis. 

3.3.9. Histological Processing 

After the rat femurs were excised, the femurs were placed in 10% neutral 

buffered formalin for at least three days (n=3-4).  After micro-CT scanning, the femurs 

were dehydrated in increasing concentrations of ethanol (70-100%) and then embedded 

in methylmethacrylate.  All samples were initially hemi-sectioned through the center of 

the defect and each section was cut in the longitudinal direction parallel to the 

polyethylene fixation plate using a microtome with an inner circular diamond blade 

(Leica Microsystems, Nussloch, Germany).  Sections were stained with methylene 

blue/basic fuchsin (n=3). 

3.3.10. Light Microscopy and Histological Scoring 

All sections were observed using an upright AxioImager.Z1and AxioCam MRc 5 

(Carl Zeiss AG, Oberkochen, Germany) and were reviewed by three blinded observers 
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(A.M.H., M.B.N., and V.V.M.) using a quantitative scoring system (Table 3-2).  Samples 

were observed for tissue response at the implant surfaces (rod and sleeve), within the 

pores of the sleeve, as well as the presence of cartilage surrounding the implant (rod 

and sleeve).  

 

 

Quantitative histological scoring analysis of the hard tissue response at the PPF rod and 
porous PPF sleeve interface within the intramedullary canal and adjacent to the initial defect 
margin, respectively.  Also, the hard tissue response for the PPF rod and porous PPF sleeve 
interfaces were evaluated in the defect.  For the porous PPF sleeve the hard tissue response 
within the pores was also investigated.  Additionally, the presence of cartilage tissue 
formation was observed within the intramedullary canal for the PPF rod, around or within the 
PPF porous sleeve, and within the defect for both the PPF rod and porous PPF sleeve. 

 

Table 3-2. Scoring system for quantitative histological analysis. 
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3.3.11. Statistical Analysis 

Mechanical testing values were analyzed using a one-way ANOVA and any 

significance was analyzed with a post-hoc unpaired t-test.  Radiographic and histologic 

scores were analyzed using nonparametric statistical tests.  For both radiograph and 

histology scores of hard tissues, the Kruskal-Wallis one-way analysis of variance was 

used and post-hoc analysis with the Dwass-Steel-Critchlow-Fligner test.  For histology 

scores of cartilage tissues, the Fisher-Freeman-Halton analysis of variance was used and 

post-hoc analysis with Fisher’s exact test.  For all statistical methods, an a priori level of 

significance was set at =0.05. 

3.4. Results 

3.4.1. Characterization of PPF Scaffolds  

Scanning electron micrographs as seen in Figure 3-1B revealed a porous network 

within the PPF sleeve, with pores ranging in size from 50 to 500 µm.  The pores were 

distributed evenly throughout the scaffold (both outer and inner surface) and were 

roughly cubical in shape.  Micro-CT analysis demonstrated a total porosity of 74.5 ± 

2.1%, where a larger minimum interconnection size (352 µm) from leached NaCl crystals 

resulted in 45.0 ± 3.1% interconnected porosity, whereas a smaller minimum 

interconnection size (44 µm) resulted in 93.2 ± 2.5% interconnected porosity. 
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3.4.2. Radiographic Analysis at Weeks 3, 6, 9, and 12 

Representative images of bone formation shown by radiography for each group 

at week 12 are shown in Figure 3-3.  The scores resulting from the level of bone 

formation from each radiograph are depicted in .  Groups E, R, and RSLo showed an 

increasing trend in bone formation throughout the duration of the experiment.  

However, only group E showed that bone formation was significantly higher at week 12 

compared to that observed by weeks 3, 6, and 9 (p < 0.05).  While there was no 

significant bone formation between any of the groups at weeks 3 and 6, by week 9 

differences were observed.  The highest bone formation at week 9 was for groups R and 

RSLo compared to groups E, RSB, and RSHi (p < 0.05). The significant differences were 

similar to week 12; however, group E was also significantly higher than RSB and RSHi (p 

< 0.05).  
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The distal side (knee) is located on the left and the proximal end (hip) of the femur is on the 
right of each radiograph. The white arrow is pointing to the location of a K-wire. The original 
defect (5 mm) is centered between the two inner K-wires. Although bridging is close in several 
groups (R, RSLo), complete bone union was not observed in any groups at this time point. 
[Refer to groups described in Table 3-1] 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 3-3. Representative radiographs of the rat femoral segmental defect at 12 
weeks. 



 41 
  

 

 

 

As analyzed by the scoring system in Figure 3-2, data are reported as means with standard 
deviations (n = 6-9). * indicates significant differences with other groups at the same 
timepoint (p < 0.05). # denotes that group E at week 12 is significantly different from weeks 3, 
6, and 9 (p < 0.05). 

 

3.4.3. Micro-CT Analysis  

The amount of bone formed within the defect was evaluated both qualitatively 

and quantitatively at 12 weeks with micro-CT.  Complete bone union was not observed 

in any sample as evaluated by observing three-dimensional images of the femurs as 

shown in Figure 3-5.  Bone formed along the outside edges of the defect area.  The 

majority of samples showed that the bone formation occurred along the polyethylene 

Figure 3-4. Radiographic scores for bone formation within the defect at 3, 6, 9, and 12 
weeks.   
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plate, which can be seen in the representative images.  The scores given to all the 

groups for bridging within the defect were not significantly different at 12 weeks as 

shown in Figure 3-6.     

 
 

 
 

The shaded area represents the defect space with a height of 5 mm with the polyethylene 
plate (not-visible) being located behind the bone images. The arrow indicates the location of a 
removed K-wire. Bone formation occurred along the periphery of the defect area for the 
groups that contained a PPF rod and/or sleeve. 

Figure 3-5. Representative micro-CT images for each group at 12 weeks. 



 43 
  

 

 

 

Data are reported as means with standard deviations (n = 8-9). 

 

Figure 3-7 shows the percentage of bone volume for intact femurs (C) and all 

experimental groups. The percentage of bone volume for the intact femurs was 

significantly higher by approximately 2-fold compared to the experimental groups 

incorporating a defect with or without a scaffold implant (p < 0.05). Additionally, it 

appears the addition of rhBMP-2 resulted in increased bone formation although only 

significantly in the RSHi group which had more bone formation at 12 weeks compared to 

the E and RSB groups (p < 0.05). 

 

Figure 3-6. Micro-CT scores for bone formation within the defect at 12 weeks. 
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Bone volume within the 5 mm femoral defect calculated by micro-CT for all groups. Data are 
reported as the means with standard deviations (n = 8-9). * indicates statistical differences 
compared to all the groups (p < 0.05) and # indicates significant differences to groups E and 
RSB (p < 0.05). 

 

3.4.4. Histological Analysis  

At the 12 week time point, a fibrous capsule or immature/mature bone was 

most commonly found surrounding the PPF rod and/or PPF porous sleeve for each 

group.  However, no bone union was observed.  When there was a presence of 

immature/mature bone around the scaffolds, it always surrounded the outer periphery 

of the PPF rod and/or PPF porous sleeve for each group.  Immature cartilage was also 

Figure 3-7. Percentage of bone volume formed at 12 weeks . 
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observed in the samples, which was often near the presence of osteoids containing 

osteoblasts and osteoclasts.  Pores within the sleeve were mainly filled with fibrous 

tissue.  The RSLo and RSHi groups had some samples that contained bone within the 

outer pores of the porous sleeve versus the RSB group, which contained a layer of bone 

that did not penetrate the pores as shown in Figure 3-8.  For each group, at least one 

rod was broken by the end of the study at 12 weeks.  Whenever this occurred, one end 

of the rod within the intramedullary canal was always surrounded by bone. 

 

Bone formation readily occurred at the PPF rod interface or on the periphery of the PPF 
porous sleeve. IM – intramedullary canal with bone marrow, R: PPF rod, B: newly formed 
bone, S: remaining porous scaffold, K: location of removed K-wire, arrows indicate the initial 
defect margin. Scale bars represent 500 μm. 

Figure 3-8. Representative histological images for each group at 12 weeks. 
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The tissue response was evaluated for all the groups (n=3-4) at the bone-rod 

interface, bone-sleeve interface, and within the pores of the sleeve at 12 weeks as 

shown in Figure 3-9A-C.  Figure 3-9 shows tissue response scores at the rod interface 

within the intramedullary canal (IM) and the defect area.  The RSLo and RSHi groups 

showed significantly lower scores compared to the R and RSB group within the 

intramedullary canal (p < 0.05).  However, within the defect area, no differences were 

observed.  

The scoring of the hard tissue response at the porous sleeve interface can be 

seen in Figure 3-9B.  Two different locations were evaluated at the porous sleeve 

interface: adjacent to the original defect and within the central defect area.  No 

significant differences were observed for either of the interface areas at week 12.  

Tissue response scores within the pores of the PPF porous sleeve were given for the 

RSB, RSLo, and RSHi groups as shown in Figure 3-9C.  The results showed that no 

significant differences were observed between all the groups. 

The presence of cartilage was also evaluated at the rod interface, within the 

intramedullary canal and defect area, as well as within the pores of the porous sleeve as 

shown in Figure 3-9D with a representative image shown in Figure 3-10.  The rod 

interface created significantly more immature cartilage tissue compared to the RSHi 

group within the intramedullary canal (p < 0.05).  The R group also showed more 

cartilage formation than the rest of the other groups along the rod interface within the 

defect area (p < 0.05).  Cartilage was not found for the RSB group at the rod-defect area. 
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 The pores within the sleeve were also evaluated for cartilage tissue formation and no 

significant differences were found. 

 
 

 

Scores for images (A) at the rod interface within the intramedullary canal (□) and within the 5 
mm defect area (■), (B) at the porous PPF sleeve interface along the initial defect margin (□) 
and within the defect area (■) and (C) within the pores of the porous PPF sleeve; as well as (D) 
for the presence of cartilage formation against the solid PPF rod within the intramedullary 
canal (□) and within the defect area (■), and against the porous PPF sleeve (■). Data are 
reported as means with standard deviations (n=3-4). * indicates statistical differences 
compared to other groups (p < 0.05). 

 

 

 

 

Figure 3-9. Histological scores for the hard tissue response at week 12. 
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Immature cartilage formation (C), noted by the dark purple matrix with blue cells, was found 
along the PPF rod surface (R). Newly formed bone (B) was found along the cartilage. Scale bar 
represents 100 μm. 

 

3.4.5. Biomechanical Analysis  

Torsional mechanical testing was performed to assess the functional recovery of 

sample femurs.  All experimental groups exhibited significantly greater maximum torque 

(N-mm) and torsional stiffness (N-mm/°) when compared to empty defects (p < 0.01) as 

shown in Figure 3-11.  Additionally, the femurs of animals receiving low dose rhBMP-2 

exhibited significantly greater maximum torque than those with a rod alone (p < 0.05).  

For torsional stiffness, both groups receiving rhBMP-2 performed significantly better 

than the group with only the rod (p < 0.05).  Contralateral control femurs from each rat 

Figure 3-10. Representative histological section of group R at 12 weeks. 



 49 
  

 

were also tested and exhibited significantly higher torque and stiffness for each sample 

(p < 0.05).    

 

Data are reported as means with standard deviation (n=6). * indicates significant differences 
between all experimental groups and empty defects (p < 0.01). # indicates significant 
differences between groups marked (p < 0.05). 

Figure 3-11. Torsional stiffness (A) and maximum torque (B) for harvested specimens 
from each group at 12 weeks. 
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3.5. Discussion 

To address the mechanical as well as regenerative requirements of segmental 

defects, structural components of tissue engineering strategies must be considered.    

Clinically used intramedullary rods or internally fixed plates provide mechanical support, 

but require lifetime placement or subsequent surgical removal.  Considering the scaffold 

requirements for stabilization and tissue engineering two conflicting principles must be 

addressed, decreased porosity for strength and increased porosity for tissue ingrowth 

and remodeling.  A composite scaffold provides potential for these principles to be 

addressed. 

In this study, a composite scaffold design was hypothesized to increase 

mechanical stabilization through incorporation of a solid PPF intramedullary rod and 

bone tissue integration through a porous PPF sleeve in a critical size rat femoral defect.  

Additionally, increased bone regeneration was hypothesized in groups with increased 

levels of rhBMP-2.  The study results indicate that mechanical properties were enhanced 

by the presence of the scaffolds as shown in Figure 3-11 and the quantity of bone 

regeneration increased with rhBMP-2 delivery.  

The scaffold clearly impacted the results through all analyses, including bone 

regeneration, mechanical stability and tissue response.  Mechanical stability was 

increased in the presence of a scaffold in all groups and was further increased with a 

low dose of rhBMP-2.  The relationship between bone regeneration and mechanical 
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strength has been previously reported in both ceramic and polymeric materials in 

calvaria [151-153] and long bones [108, 149].  Consistent with the studies in long bones, 

increased bone formation increased the mechanical stability of implants, even when 

bridging did not occur. 

Additionally, the radiographic scores showed that group R regenerated more 

bone than the RSB group at weeks 9 and 12.  In the group with only the rod, there was 

no direct apposition of a porous scaffold to the cut cortical bone surface, which 

prevented direct growth of bone from the cut plane of bone.  In all groups with the 

porous sleeve, the scaffold was in immediate apposition to the cut surface of bone, 

filling the space of potential bone growth.  As indicated in Figure 3-8, there was not 

significant PPF degradation over the 12 weeks, such that the potential space for bone 

growth was not created by degradation and bone regeneration was limited to the pores 

of the scaffold and the outer surface as seen in the radiograph (Figure 3-3) and micro-CT 

images (Figure 3-5).  This limited the majority of bone growth in groups with the porous 

sleeve to the surface, which has been previously described [85, 121, 154].  In a study by 

Woodard et al., growth into the scaffold was dependent upon the presence of 

micropores (2-8 µm) and limited to surface growth when only larger pores were present 

as is in this study [121]. Another study by Aronin et al. similarly found that smaller pore 

sizes (100 µm) had increased tissue infiltration compared to larger pore sizes (500 µm) 

in rat critical size cranial defects [155].  In addition to pore size, pore and scaffold 

architecture have also been shown to play a critical role in tissue response [120, 156-
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158]. For example, Kim et al. showed that scaffolds fabricated by stereolithography with 

a highly permeable and porous architecture induced upregulation of osteogenic signal 

expression with rat bone marrow stromal cells in vitro when compared to random 

porous architecture as in this study [158].  Another interesting study found that scaffold 

architectures that mimic the structure of native bone have exhibited up to a 500% 

increase in bone volume when compared to defined architectures [159]. 

Decreased bone formation as a result of the porous sleeve can also be attributed 

to isolation of cell sources.  The osteoprogenitor cells responsible for regenerating the 

bone in these acellular scaffolds would likely be cells from the periosteum or the bone 

marrow.  As the porous sleeve separates these two populations with an open but 

tortuous route, the impact of both cell types on bone regeneration could be diminished.  

Additionally, the presence of a solid rod within the intramedullary canal may have also 

inhibited the migration of osteoprogenitor cells originating from the bone marrow.  

Therefore, as in other previous studies that incorporate PLGA microspheres into PPF 

intramedullary rods [85, 132], it may be advantageous to bone formation to incorporate 

a porogen into the rod in order to facilitate increased migration of progenitor cells out 

of the intramedullary canal and into the defect although diminishing the mechanical 

support.  Alternatively, surface microgrooves could be incorporated to allow for 

migration of cells through the channels which has been previously investigated [160].  

Scaffold design also had a significant impact on the cartilage tissue response.  Within the 

defect area, group R showed significantly more cartilage formation than any other 
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group.  Cartilage formation in bone defects has been previously reported by Sarkar et al 

[161].  This immature cartilage formation could lead to bone regeneration through 

hypertrophy of the chondrocytes and ossification.  Additionally, other factors could 

contribute to the chondrogenesis present in the defect, such as low oxygen tension due 

to removal of vasculature present in the defect previously, or the instability of the rod 

within the intramedullary canal leading to chondrocyte inducing micromotion.   

Delivery of rhBMP-2 also affected the bone regeneration, mechanical stability 

and tissue response.  While radiography indicated the low dose rhBMP-2 group to have 

the greatest bone regeneration at 12 weeks, micro-CT indicated the most bone 

formation in the high dose rhBMP-2 group.  As micro-CT is a quantifiable technique 

opposed to a viewer scored system, it is more reliable at accurately measuring bone 

formation although radiography may indicate density of bone growth in greater detail.  

This hypothesis is supported by the mechanical data, which showed the group RSLo had 

increased mechanical stability relative to the R group.  Integration between the 

regenerated bone and the scaffold was not significant as shown through the histological 

scores for the tissue present within the pores of the scaffold.  Therefore, the 

transmittance of load between the regenerated bone and the scaffold imparted in the 

group RSLo is attributed to the strength of bone surrounding the scaffold.  Previous 

studies have shown there can be a lack of correlation between the bone regeneration in 

a scaffold and the resultant mechanical properties at the interface as was seen with 

groups RSLo and RSHi [151, 152]. 
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The release rate of adsorbed rhBMP-2 from PLGA microparticles in this study 

may also have affected bone formation.  A previous in vitro study by Patel et al. found 

that rhBMP-2 adsorbed onto PLGA microparticles exhibited a burst release of 

approximately 30% followed by sustained release for over 28 days [33]. However, a 

separate study found that when incorporated into a scaffold such as calcium phosphate 

and implanted subcutaneously in rats, rhBMP-2 adsorbed on PLGA microparticles 

exhibited minimal burst and a more linear release over 28 days when monitored in vivo 

[38].  In the current study, entrapment of the PLGA microparticles within the porous PPF 

scaffold may have extended the release of rhBMP-2 and inhibited a burst release to 

some extent.  Although not significant, this may be evidenced by the increase in bone 

formation observed between weeks 3 and 6 for the group containing low dose rhBMP-2 

when compared to the porous scaffold group containing no rhBMP-2.  

The tissue response showed decreased scores (more fibrous tissue and/or 

inflammatory cells present) adjacent to the rod in the intramedullary canal when there 

was rhBMP-2 present.  Recently, with the increased clinical use of rhBMP-2, case reports 

and studies have shown inflammatory processes likely caused by the release of rhBMP-2 

[162, 163].  While the mechanism has not been directly identified, the phenomenon has 

caused reconsideration of use of rhBMP-2 near swelling sensitive tissues such as 

airways.  This same process could explain the increased inflammation present in the 

groups with rhBMP-2. 
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  Finally, there was increased cartilage formation against the rod in the 

intramedullary canal when higher doses of rhBMP-2 were delivered compared to the 

rod alone.  Previous studies have shown that that mesenchymal stem cells can be 

induced down a chondrogenic lineage when in low oxygen tension environments and in 

the presence of rhBMP-2 [164].  This result also suggests higher concentration of 

rhBMP-2 in the intramedullary canal in the RSHi group versus the RSLo group.  This 

observation is consistent with the decreased mechanical strength in the RSHi group 

versus RSLo group.  As the cartilage formed could be well vascularized if given enough 

time this would be expected to undergo hypertrophy and ossification creating bone 

tissue, although that was not seen in the 12 weeks of this study.   

Several conclusions can be drawn from the model system described above 

regarding bone regeneration with rhBMP-2 with porous scaffolds in the defect, but to 

further understand the relationship between these two components more groups 

would be necessary.  Primarily, a group with the porous sleeve without the rod, while 

contrary to the objective of increased stability, could allow for more investigation into 

the role of bone marrow stromal cells in the regenerative process.  Additionally, 

including groups which deliver rhBMP-2 without the porous scaffold, could show the 

degree of effect of the porous scaffold has on bone regeneration.  Finally, a larger 

animal model would be necessary to further investigate the role of mechanical stability 

as this model describes a load-bearing bone, off-loaded by internal fixation.  While the 

majority of the defect load is supported by the polyethylene plate, the results indicate 
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some degree of load transfer to the scaffold, indicated by the breaking of the rod in 

scaffolds where the rod was surrounded by new bone within the intramedullary canal.  

Nevertheless, this study clearly indicates the increased stabilization effect of composite 

scaffolds utilizing both porous and solid structures as shown by the increase in 

mechanical strength of group R over group E and group RSLo over group R.  Additionally, 

rhBMP-2 increased bone formation as hypothesized.   

3.6. Conclusion 

The presented study analyzed the effects of composite scaffold construction, 

which aimed to address the bone regeneration and stabilization concerns of non-union 

fractures.  While in no experimental groups was the segmental femoral defect in the rat 

bridged, many conclusions can be drawn concerning scaffold design from this model 

system.  These conclusions address issues regarding the source of stem cell populations 

in an acellular construct, factors associated with stabilization of non-unions, and 

environmental factors present in a defect driving cell differentiation.  Results showed 

increased bone formation in groups without the porous sleeve, suggesting the role of 

the sleeve as a physical barrier to both bone growth and to the migration of 

regenerative cells present in the bone marrow and periosteal regions.  Conversely, while 

the scaffold was shown to hinder bone bridging, it did impart significant mechanical 

strength to the defect, a critical objective to non-union therapy.   
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Chapter 4 

Characterization of an Injectable, Degradable 

Polymer for Mechanical Stabilization of 

Mandibular Fractures2 

4.1. Abstract 

This study investigated the use of injectable poly(propylene fumarate) (PPF) 

formulations for mandibular fracture stabilization applications.  A full factorial design 

with main effects analysis was employed to evaluate the effects of the PPF:N-vinyl 

                                                      
 

2 A version of this chapter has been submitted for publication to the Journal of 
Biomedical Materials Research Part B as: Henslee, A.M., D. M. Yoon, B.Y. Lu, J.Yu, A.A. 
Arango, L.P. Marruffo, L.Seng, T.D. Anver, H. Ather, M. Nair, S. Piper N. Demian, M.E 
Wong, F.K. Kasper, A.G. Mikos, Characterization of an Injectable, Degradable Polymer 
for Mechanical Stabilization of Mandibular Fractures. 
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pyrrolidone (NVP, crosslinking agent) ratio and dimethyl toluidine (DMT, accelerator) 

concentration on key physicochemical properties including  setting time, maximum 

temperature, mechanical properties, sol fraction, and swelling ratio.  Additionally, the 

effects of formulation crosslinking time on the mechanical and swelling properties were 

investigated.  The results showed that increasing the PPF:NVP ratio from 3:1 to 4:1 or 

decreasing the DMT concentration from 0.05 to 0.01 v/w %  significantly decreased all 

mechanical properties as well as significantly increased the sol fraction and swelling 

ratio.  Also, increasing the crosslinking time at 37°C from 1 to 7 days significantly 

increased all mechanical properties and decreased both the sol fraction and swelling 

ratio.  This study further showed that the flexural stiffness of ex vivo stabilized rabbit 

mandibles increased from 1.7 ± 0.3 N/mm with a traditional mini-plate fixator to 14.5 ± 

4.1 N/mm for the 4:1 (0.05 v/w % DMT) PPF formulation at day 1.  Overall, the 

formulations tested in this study were found to have properties suitable for potential 

further consideration in mandibular fracture fixation applications. 

4.2.  Introduction 

Osseous tissue loss and/or fractures within the craniofacial complex can occur 

due to congenital defects, disease, or trauma; with trauma being one of the leading 

causes of fractures to the region [165, 166].  Current clinical practice typically involves 

stabilization of the bony defect or fracture via internal implantation of plates and 

screws.  However, the non-degradable nature of these devices often necessitates 
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implant removal because of issues associated with long-term implantation such as 

loosening, corrosion, or stress shielding [167-169].  These problems have led to the 

investigation of biodegradable materials as platforms for mandibular stabilization 

without the need for subsequent removal surgeries.  An ideal material for mandibular 

fracture fixation applications is one that is biocompatible, biodegradable, and can 

provide sufficient mechanical support.   

Advances in polymeric materials have paved the way for a new generation of 

strong and injectable materials for a broad range of medical applications including bone 

fixation.  Poly(propylene fumarate) (PPF), is a biodegradable fumarate-based synthetic 

polymer that has shown promise in craniofacial bone applications [50, 53, 170-172].  A 

PPF construct typically incorporates PPF, a crosslinking agent (N-vinyl pyrrolidone, NVP), 

a radical initiator (benzoyl peroxide, BP) and an accelerator (N,N-dimethyl-p-toluidine, 

DMT).  PPF can crosslink in situ, thus providing the possibility of injecting the material 

directly into a fracture or bony defect.  The injectability of PPF may also benefit patients 

by allowing the material to be applied via minimally invasive techniques such as those 

utilizing laparoscopic instruments.   A variety of PPF-based constructs have been 

investigated in vitro and in vivo, and the results have shown that PPF is biocompatible 

[173-175], biodegradable [173, 174, 176], and possesses a mechanical strength similar 

to bone [177].   

In this study, a dual-syringe system was utilized in order to create injectable PPF 

formulations with clinically relevant properties for mandibular fixation.  This was 

accomplished by loading two preparations of PPF; one containing PPF, NVP, and the 
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initiator BP, and the other containing PPF, NVP, and the accelerator DMT; into separate 

tubes of a dual syringe.  As the plunger was depressed, both liquids were forced through 

a mixing syringe tip. This apparatus allows one to combine the respective initiator and 

accelerator preparations together to begin the crosslinking process just prior to 

extrusion from the syringe. This technique helps streamline the mixing process by 

providing a longer workability time duration for the PPF construct by eliminating the 

hand mixing step  that is often needed to combine all the components prior to 

application.  

In the past, studies have shown that the properties of PPF are highly tunable and 

vary according to a number of system parameters [177-180].  In particular, 

characteristics relating to the setting, network, and mechanical properties of PPF 

formulations are of utmost importance when considering the intended application of in 

situ crosslinking formulations for mandibular stabilization.  Based on previous studies, it 

was identified that the ratio of PPF:NVP and the concentration of DMT are two 

formulation parameters that are most likely to affect the mechanical and setting 

properties of injectable formulations of PPF [177, 181].  Additionally, the strength of PPF 

networks can increase over time presumably due to continued crosslinking of unreacted 

double bonds [176, 182].  Therefore, the objective of this study was to systematically 

investigate the effects of the aforementioned parameters on the properties of several 

PPF construct formulations.  Using a full factorial design with main effects analysis, the 

effects of crosslinking agent ratio, DMT concentration, and crosslinking time on the 

mechanical, network, and setting properties of PPF formulations were determined.  
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Additionally, using mechanical properties as the selection criteria, several formulations 

were tested for their ability to mechanically stabilize a mandibular osteotomy using a 

clinically relevant ex vivo rabbit mandibular osteotomy model. 

 

4.3. Materials and Methods 

4.3.1. Poly(propylene fumarate) Synthesis 

PPF was synthesized using an established two-step procedure [183, 184].  In 

brief, the first step involved mixing propylene glycol with diethyl fumarate in a 3:1 molar 

ratio along with zinc chloride and hydroquinone (0.01:1 and 0.002:1 molar ratio with 

DEF, respectively) in a heated (~130oC), nitrogen purged vessel.  The reaction resulted in 

the formation of a bis(hydroxypropyl fumarate) intermediate and ethanol as a by-

product.  The next step involved containing the reaction in a heated (~130-150oC) 

vacuum sealed vessel to enable the intermediate material to undergo transesterification 

to form PPF.  The product was then washed with hydrochloric acid, brine, water, sodium 

sulfate, and ether to remove all unreacted reagents and side products.  All solvents 

were removed via rotary evaporation under vacuum to yield purified PPF, which was 

verified by proton nuclear magnetic resonance spectroscopy.  PPF was synthesized with 

a number average molecular weight of 3300 and a polydispersity of 1.7, as determined 

by gel permeation chromatography (GPC; Waters, Milford MA) using a Waters HR2 
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column and polystyrene standards (Fluka, Switzerland).  All reagents were purchased 

from Sigma Aldrich (St. Louis, MO) and used as received unless specified otherwise. 

4.3.2. Experimental Design 

Experiments were based on a two-level full factorial design with three 

parameters: (1) PPF:NVP ratio, (2) DMT concentration, and (3) crosslinking time.  High 

and low levels were chosen based on previous experience, and each level was combined 

to create eight experimental formulations.  Values for high and low levels are shown in 

Table 4-1 with a description of the naming convention used in the study.   

 

Level PPF:NVP ratio [DMT] (% v/w) Crosslinking Time (d) 

High (+) 4:1 0.05 7 

Low (-) 3:1 0.01 1 

Individual formulations are denoted by PPF:NVP ratio(L/H DMT concentration)d Crosslinking 
Time.  E.g. The all high level formulation is referred to as 4:1(L)d7. 

 

Each formulation was fabricated by loading all components into a dual-shaft 

syringe (model #6B23 syringe, 3ml x 3ml) with a mixer tip (3mm x 8mm blunt tip mixer) 

purchased from Plas-Pak Industries (Norwich, CT).  One side of the syringe contained 

half of the PPF and NVP preparation with 2% w/v BP, while the other side contained the 

remaining PPF and NVP preparation with DMT.  To remove air bubbles from the 

mixtures, the syringe was centrifuged at 3000 rpm for 5 minutes before application.  

Table 4-1. High and Low Levels for Three Parameters Tested in a Two-Level Full 
Factorial Design.  
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Upon extrusion, the preparations in both sides of the syringe were simultaneously 

forced through the mixing tip, combining the initiator and accelerator, thereby enabling 

the crosslinking process. 

4.3.3. Mechanical Testing 

PPF was injected into polytetrafluoroethylene (PTFE) molds of dimensions 

appropriate for compressive, flexural, and torsional mechanical testing. The constructs 

were maintained at 37oC until testing at days 1 and 7.  The geometry of the PPF samples 

for compression cylinders (6.0 (d) x 12.0 (h) mm), flexion bars (63.3 (l) x 3.4(w) x 6.4 (h) 

mm), and torsion bars (63.3 (l) x 3.0 (w) x 6.4 (h) mm) followed established American 

Society for Testing and Materials (ASTM)standards (ASTM D695, D790, and D1043, 

respectively).  At each timepoint, the samples were cut with a diamond saw and sanded 

(to remove excess polymer) to achieve the desired dimensions and then were tested on 

an MTS 858 Mini Bionix testing system (n=5; MTS, Eden Prairie, MN).  With respect to 

testing protocols, ASTM standards were followed for the compressive and flexural 

testing, but an adaptation of the torsional testing standard was used to accommodate 

the capabilities of the MTS.   

For compression, PPF samples were placed between two parallel flat platens, 

which were attached to a 10kN load cell and a crosshead speed of 1.3 mm/min was set.  

The force applied to the sample as well as the displacement along the axis of loading 

was measured until the sample completely fractured.  The percent strain was calculated 

as the ratio of the displacement along the axis of loading to the initial height of the 
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sample x 100.  The stress was calculated as the ratio of the applied force to the cross-

sectional area of the sample.  Compressive elastic modulus (MPa) was calculated as the 

slope of the linear portion of the stress-strain curve.  The compressive strength at yield 

(MPa) was determined by drawing a line parallel to the slope defining the modulus with 

a 1% strain offset.  The strain at which the 1% offset intersected the stress-strain curve 

was defined as the compressive strength.  This method has been previously described 

by Peter et al. [57].   

For flexural testing, a 3-point bending apparatus was attached to a 1kN load cell 

of the MTS.  The span width of the 3-point bending apparatus was set at 53.92 mm 

(sample span-to-depth ratio of 16:1, ASTM D790).  PPF samples were positioned so that 

the midpoint of the length of the sample was coincident with the midpoint of the span 

width.  A crosshead speed was set at 1.44 mm/min and force was applied to the sample 

until either fracture or slippage of the sample occurred.  The data was acquired on the 

TestStar software (MTS) and analyzed to determine the stiffness and flexural modulus of 

elasticity.  Stiffness (N/mm) was calculated to be the slope of the force applied versus 

the displacement of the sample under load.  The equation for flexural modulus of 

elasticity (MPa) was defined according to ASTM D790 as: 

 
 

 
 

where span = 53.92 mm, stiffness = slope of force/displacement, width = 3.37 mm, and  

thickness = 6.35 mm. 

Equation 4-1. Flexural modulus of elasticity. 
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For torsional testing, PPF samples were placed into pre-machined PTFE holders 

that were clamped by the MTS instrument equipped with a 10kN load cell, and the span 

of the sample was set at 50.8 mm (ASTM D1043).  The samples were rotated at a rate of 

1o/sec until the maximal rotation for the instrument was achieved (120o as opposed to 

the 140° rotation specified in the ASTM standard).  Data was acquired using the MTS 

TestStar software and the modulus of rigidity (N-mm/deg) was determined to be the 

slope of the sample torque versus rotational displacement (o) as it underwent torsion. 

4.3.4. Degree of Swelling and Sol Fraction 

PPF samples were made into 6 mm diameter x 2 mm height constructs and 

maintained at 37oC until retrieved at 1 and 7 days for testing.  At each timepoint, the 

samples were weighed (Wi) and then placed into vials containing 10mL of acetone at 

room temperature which was stirred at 100 rpm for 96 hours.  Samples were removed, 

blotted with Kimwipes and weighed (Ws).  The samples were then dried using a 

lyophilizer for at least 24 hours and then weighed (Wd).  The following equations were 

used to determine the degree of swelling and sol fraction for the PPF samples, 

respectively:  

 

 

 

 

Equation 4-2. Degree of swelling. 

Equation 4-3. Sol fraction. 
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4.3.5. Maximum Crosslinking Temperature and Setting Time 

The temperature profile was measured by using a temperature thermocouple 

connected to a monitor (Extech, Waltham, MA) to determine the approximate setting 

time as well as the maximum temperature.  Measurements were taken every 1 second.  

Five grams of the PPF was injected into a PTFE cylindrical mold (3.8 cm length, 1.9 cm 

diameter) with the thermocouple placed equidistant from the top, bottom and sides of 

the mold.  The mold was covered by a PTFE sheet to mitigate heat loss from the top.  

The setting time was calculated as the time corresponding to the temperature halfway 

between the baseline and peak temperature.  

4.3.6. Rabbit Mandibular Osteotomy Model 

Whole mandibles were extracted from the carcasses of 6-10 month old skeletally 

mature male New Zealand white rabbits (Myrtle’s, Thompsons Station, Tennessee).  The 

mandibles were completely separated above the condyle and split at the midline to 

obtain left and right hemi-mandibles, which were then stripped of all soft tissue prior to 

creating the osteotomy.  The osteotomy,a straight, coronally oriented, bicortical line 

defect, was created approximately 3.5cm posterior to the incisors (Figure 4-1) using a 

dental drilling hand-piece equipped with a 1.7mm diameter burr (Osaka Electric Co., 

Tokyo, Japan). 
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Four holes each with 1.7mm diameters were drilled through the mandible along the 
osteotomy plane (A).  The titanium plate and screws were placed perpendicular to the 
osteotomy along the lower portion of the jaw (B).  The PPF was injected through the holes, to 
act as a staple, and along the osteotomy on both the lingual and buccal side of the mandible 
(C).  After mechanical testing, PPF was observed to stay within the staples but the area with 
the thinnest layer of applied PPF was most commonly observed to be the location where the 
PPF fractured (D). 

 

The control group consisted of a hemi-mandible with an osteotomy fixed with a 

titanium plate and 6 screws, which was based on previously established methods [185].  

Three holes on each side of the osteotomy were created with a 1.7mm diameter burr.  A 

1.3mm six-hole heavy-gauge titanium plate with bicortical screws (Synthes, West 

Chester, PA) was placed at the lower portion of the mandible (Figure 4-1B).  After this 

procedure was completed the hemi-mandibles underwent mechanical testing. 

Figure 4-1. Images of hemi-mandibles without any attached muscle or tissue extracted 
from white New Zealand rabbits.. 



 69 
  

 

For the injectable PPF groups, two holes were created with a 1.7mm burr on 

each side of the osteotomy (Figure 4-1A).  The holes were designed to allow PPF to flow 

into them and mechanically interlock the defect as a whole.  Approximately 1mL of the 

PPF mixture was applied into the holes and in and around the defect, spanning across 

both the lingual and buccal aspects of the osteotomy (Figure 4-1C).  After application, 

the PPF was left at room temperature for 5-10 minutes before being wrapped with a 

Kimwipe soaked in PBS with a 3X concentration of Penicillin-Streptomycin-Fungizone 

mixture (Lonza, Walkersville, MD) and 1% sodium azide (Sigma).  The mandibles were 

then placed into glass containers with lids that were stored at 37oC until mechanical 

testing was performed at 1 and 7 days. 

The procedure for testing the hemi-mandibles mechanically was based on a well-

established protocol [186].  A 3-point bending apparatus (5cm width) was connected to 

a 1kN load cell on the MTS.  The hemi-mandibles were placed with the lingual side down 

on a neoprene closed cell foam (McMaster-Carr, Atlanta, GA) that was cut to the 

following dimensions: 8.5 (l) x 5.2 (w) x 0.6 cm (h).  The mandibles were positioned with 

the osteotomy located equidistant from the 3-point bending lower support beams (2.5 

cm), where the load was applied.  The crosshead speed was set at 1 mm/s. Data was 

collected using the MTS TestStar program.  Fracture load was defined as the maximum 

load before the material fractured (N) and stiffness was defined as the slope of the 

linear elastic region of the force versus displacement graph (N/mm). 
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4.3.7. Statistical Analysis 

Differences between individual groups were determined using one-way ANOVA 

with post hoc analysis via Tukey’s HSD and a significance level of α=0.05.  Main effects 

between parameters were analyzed via a linear regression analysis from a previously 

established method [177] using SAS JMP 7.0 software.  Differences observed during the 

main effects analysis were deemed significant if the standard error of the effect did not 

cross zero.   

4.4. Results 

4.4.1. Mechanical Properties 

Every mechanical property characterized including compressive modulus, 

compressive yield strength, flexural modulus, flexural stiffness, and torsional modulus 

was significantly affected by the three parameters tested.  Values for the mechanical 

properties of all individual formulations can be found in Table 4-2. Summary of Results 

for Mechanical Properties..  
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Formulation 
Compressive 

Modulus 
(MPa) 

Compressive 
Yield Strength 

(MPa) 

Flexural 
Modulus 

(MPa) 

Flexural 
Stiffness 
(N/mm) 

Torsional 
Modulus of 

Rigidity 
(N-mm/°) 

3:1(L)d1 359.2±33.5D,E 18.1±0.4E 258.2±79.3C 1.60±0.49C 1.6±0.2D,E 

3:1(L)d7 833.3±86.7C 37.6±2.1C 62.4±17.5D 3.80±0.80B 1.0±0.1E 

3:1(H)d1 1172.5±160.1B 49.8±4.5B 601.9±29.6B 3.73±0.18B 3.9±0.5A,B 

3:1(H)d7 1362.4±87.3A 57.6±1.7A 309.6±34.4C 6.35±0.33A 2.5±0.9C,D 

4:1(L)d1 308.3±66.0E 19.8±4.3E 612.8±129.3B 0.39±0.11D 3.1±0.7B,C 

4:1(L)d7 900.2±62.7C 39.2±0.9C 299.3±28.6C 1.86±0.18C 2.0±0.6D,E 

4:1(H)d1 531.6±22.9D 26.9±2.1D 1023.6±53.0A 1.92±0.21C 4.7±0.4A 

4:1(H)d7 994.8±131.4B,C 43.4±5.5B,C 698.5±39.4B 4.33±0.24B 2.0±0.4D,E 

Values which do not share a letter within each column are significantly different (p < 0.05). 

 

With regards to compressive properties, the main effects analysis (Figure 4-2) 

revealed that as the ratio of PPF:NVP  was increased from 3:1 to 4:1, the compressive 

modulus decreased by an average of 124.1 ± 39.9 MPa and the compressive yield 

strength decreased by  4.2 ± 1.5 MPa.  Conversely, when the concentration of DMT was 

increased from 0.01 to 0.05 % v/w, compressive modulus and yield strength were 

increased by an average of 207.5 ± 39.9 and 7.9 ± 1.5 MPa, respectively.  Lastly, when 

the crosslinking time was increased from 1 day to 7 days, compressive modulus and 

yield strength were increased by an average of 214.9 ± 39.9 and 7.9 ± 1.5 MPa, 

respectively. 

 

 

 

 

Table 4-2. Summary of Results for Mechanical Properties. 
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level to a high level.   Error bars represent 
the standard error of the effect (± 39.9 MPa (A) and ± 1.5 MPa (B); n=5). 

 

Figure 4-2. The main effects of PPF:NVP ratio, DMT concentration, and crosslinking 
time on the compressive modulus (A) and compressive yield strength (B)  of 
formulations. 
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Regarding flexural properties, the main effects analysis (Figure 4-3A) showed 

that as the ratio of PPF:NVP was increased from 3:1 to 4:1, flexural modulus and 

stiffness were decreased by an average of 140.8 ± 15.7 MPa and 0.9 ± 0.1 N/mm, 

respectively.  Conversely, when the concentration of DMT was increased from 0.01 to 

0.05 % v/w, flexural modulus and stiffness were increased by an average of 175.1 ± 15.7 

MPa and 1.1 ± 0.1 N/mm, respectively.  Lastly, when the crosslinking time was increased 

from 1 day to 7 days, flexural modulus and stiffness were increased by an average of 

175.3 ± 15.7 MPa and 1.1 ± 0.1 N/mm, respectively. 

 

Figure 4-3. The main effects of PPF:NVP ratio, DMT concentration, and crosslinking 
time on the flexural modulus (A) and flexural stiffness (B) of formulations. 
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level to a high level.   Error bars represent 
the standard error of the effect (± 15.7 MPa (A) and ± 0.1 N/mm (B); n=5). 

With respect to the torsional modulus of rigidity, the main effects analysis 

(Figure 4-4) showed that as the ratio of PPF:NVP was increased from 3:1 to 4:1, torsional 

modulus was decreased by an average of 0.7 ± 0.2 N-mm/deg.  Conversely, when the 

concentration of DMT was increased from 0.01 to 0.05 % v/w, torsional modulus was 

increased by an average of 0.7 ± 0.2 N-mm/deg.  Lastly, when the crosslinking time was 

increased from 1 day to 7 days, torsional modulus was increased by an average of 0.4 ± 

0.2 N-mm/deg. 
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level to a high level.   Error bars represent 
the standard error of the effect (± 0.2 N-mm/deg; n=5). 

4.4.2. Degree of Swelling and Sol Fraction 

Values for the network properties of all individual formulations including 

swelling ratio and sol fraction can be found in Table 4-3.  Regarding swelling ratio, the 

main effects analysis (Figure 4-5A) showed that as the ratio of PPF:NVP was increased 

from 3:1 to 4:1, the swelling ratio was increased by an average of 3.0 ± 0.2 %.  

Conversely, when the concentration of DMT was increased from 0.01 to 0.05 % v/w, the 

swelling ratio was decreased by an average of 1.4 ± 0.2 %.  Lastly, when the crosslinking 

time was increased from 1 day to 7 days, the swelling ratio was decreased by an average 

of 1.2 ± 0.2 %. 

Figure 4-4. The main effects of PPF:NVP ratio, DMT concentration, and crosslinking 
time on the flexural modulus of formulations. 
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level to a high level.   Error bars represent 
the standard error of the effect (± 0.2% (A) and 0.2% (B); n=3). 

Figure 4-5. The main effects of PPF:NVP ratio, DMT concentration, and crosslinking 
time on the swelling ratio (A) and sol fraction (B) of formulations. 
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With respect to sol fraction, main effects analysis (Figure 4-5B) showed that as 

the ratio of PPF:NVP was increased from 3:1 to 4:1, the sol fraction was increased by an 

average of 2.5 ± 0.2 %.  Conversely, when the concentration of DMT was increased from 

0.01 to 0.05 % v/w, the sol fraction was decreased by an average of 2.0 ± 0.2 %.  Lastly, 

when the crosslinking time was increased from 1 day to 7 days, the sol fraction was 

decreased by an average of 1.6 ± 0.2 %. 

4.4.3. Maximum Temperature and Setting Time 

Values for the setting properties of all individual formulations including 

maximum crosslinking temperature and setting time can be found in Table 4-3.   

 

Formulation 
Maximum Setting 
Temperature (°C) 

Setting Time 
(sec) 

Swelling Ratio Sol Fraction (%) 

3:1(L)d1 111.7±7.1A 41.2±4.3A 17.2±0.2C 8.2±0.3B,C 
3:1(L)d7 - - 22.6±0.6A 13.3±1.3A 
3:1(H)d1 150.0±32.9A 59.7±14.8A 14.3±0.8D 3.9±1.1D 
3:1(H)d7 - - 20.3±0.5B 9.4±1.0B 
4:1(L)d1 113.3±11.8A 44.7±5.1A 17.7±1.0D 5.4±1.1D 
4:1(L)d7 - - 20.6±0.2B 9.4±0.3B 
4:1(H)d1 127.3±9.5A 49.3±4.1A 11.6±0.7E 0.9±0.5E 
4:1(H)d7 - - 18.0±0.3C 6.3±0.5C,D 

Values which do not share a letter within each column are significantly different (p < 0.05). 

 

The  main effects analysis of maximum crosslinking temperature (Figure 4-6A) 

revealed that as the concentration of DMT was increased from 0.01 to 0.05 % v/w, the 

Table 4-3. Summary of results for setting and network properties. 
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maximum temperature increased by an average of 13.1 ± 7.7 °C.  The ratio of PPF:NVP 

did not have a significant effect on this property. 

 

 

Figure 4-6. The main effects of PPF:NVP ratio and DMT concentration on the maximum 
temperature (A) and setting time (B) of formulations. 
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level to a high level.   Error bars represent 
the standard error of the effect (± 7.7°C (A) and ± 3.6 sec (B); n=3). 

The main effects analysis of setting time (Figure 4-6B) revealed that as the 

concentration of DMT was increased from 0.01 to 0.05 % v/w, the setting time 

decreased by an average of 5.8 ± 3.6 °C.  The ratio of PPF:NVP did not have a significant 

effect on this property. 

4.4.4. Rabbit Mandibles  

Initial trials indicated that PPF did not chemically adhere to bone.  Therefore, 

holes adjacent to the osteotomy were created (as described in the methods section) to 

mechanically interlock the crosslinking PPF with the hemi-mandible (Figure 4-1).  Upon 
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mechanical testing, it was noted that PPF often fractured at the site where the thinnest 

layers of crosslinked PPF were located.   

For each mandibular osteotomy, the titanium plate and screw group were found 

to have the lowest stiffness compared to the 3:1 and 4:1 groups (Figure 4-7A).  The 

injectable PPF did not change the stiffness for all PPF formulations from day 1 to 7.  The 

4:1 group was significantly higher than all the samples.  The titanium plate and screw 

treated mandible showed stiffness percentages that are comparable to the 3:1 PPF:NVP 

weight ratio group with 0.05% DMT at day 1 and 7.  While the 4:1 PPF:NVP weight ratio 

group with 0.05% DMT showed the highest stiffness percentage compared to intact 

mandibles.  The fracture load of the injectable PPF formulations on a mandibular 

osteotomy did not show any significant difference between the 3:1 and 4:1 PPF:NVP 

weight ratio samples (Figure 4-7B). 
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(A)  Fractured hemi-mandibles were treated with titanium plate and screws, 3:1(H)d1/7 and 
4:1(H)d1/7 (n = 4-5).  The titanium plate and screw treated group had the lowest stiffness (*, p 
< 0.05) and the 4:1 group at day 1 and 7 had the highest stiffness (**, p < 0.05).  (B) The 
fracture load was measured and determined not to be significantly different between the 
samples at all time points. 

Figure 4-7. The stiffness and fracture load were calculated for rabbit hemi-mandibles 
that were mechanically tested using a 3-point bending apparatus. 
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4.5. Discussion 

The many unique characteristics of PPF, including high mechanical stability and 

injectability, are what make this polymer such an attractive candidate for osseous defect 

applications.  The properties of PPF can be modified by changing the formulaic ratios of 

PPF and its associated components.  In this study, a full factorial study design was used 

to determine the effects of PPF:NVP ratio, DMT concentration, and crosslinking time on 

the mechanical, network, and setting properties of PPF formulations applied through 

the use of a dual syringe system.   

Dual syringe systems have been used for decades to mix and apply polymers.  

Medical applications range from crosslinking fibrin glue [187] to resins for dental 

applications [188].  Because only the material in the tip is mixed, it is possible to remove 

a used tip and attach a fresh one to resume application if the material in the tip 

becomes crosslinked and can no longer undergo extrusion.  For this reason, dual 

syringes are especially valuable for situations involving rapidly crosslinking polymers or 

where it may be useful to extrude small portions of material from a dual syringe at 

different times over the course of a single application.  To our knowledge, this is the first 

application of the dual syringe method to fabricate crosslinked networks of PPF.  Use of 

the dual syringe is not only advantageous for the aforementioned reasons, but it also 

makes the application of PPF for minimally invasive techniques such as mandibular 

stabilization possible.   
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 The use of DMT in this study had many desirable effects on the properties of 

the resulting material.  Typically, DMT has been used to accelerate the rate of radical 

formation from an initiator such as benzoyl peroxide, thereby increasing the rate of a 

crosslinking reaction.  When materials such as a porogen are introduced into the 

crosslinking solution of PPF, they can act as a heat sink and absorb residual thermal 

energy within the system, thereby reducing the degree of crosslinking.  In these 

situations, a high concentration of DMT is needed to overcome this challenge.  

However, with a construct composed of only PPF/NVP as in the current study, very little 

DMT is actually needed to form a crosslinked network, although a larger amount is 

desired to increase the strength of the resulting network.  Through the main effects 

analysis, this study showed that each mechanical property evaluated (compressive 

modulus, compressive yield strength, torsional modulus of rigidity, flexural stiffness and 

flexural modulus) was significantly, positively affected by an increased concentration of 

DMT.  Although these results were expected, it highlights the utility of increased 

concentrations of DMT through the use of the dual syringe system.  These mechanical 

property enhancements are presumed to be a function of increased crosslinking density 

of the formed PPF network.  Previous studies have utilized sol fraction and swelling 

degree analysis to compare the relative crosslinking densities of polymers like PPF [189].  

Because the function of DMT is to increase the rate of radical formation by the initiator 

BP, it is expected that a greater number of crosslinks can form between chains of PPF 

during the crosslinking process.  Indeed, the results indicate that for increased 

concentrations of DMT, a reduced sol fraction and swelling ratio were observed.  This 
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could indicate that the crosslinking density is increased in constructs with increased 

concentrations of DMT, and is consistent with previous findings [180]. 

The setting properties of the polymer network were also significantly affected by 

the concentration of DMT.  First of all, predictably, increasing the concentration of DMT 

significantly decreased the setting times of constructs, especially at the highest 

concentration of 0.05 wt %, to approximately 75 seconds.  Although the setting times 

seem very low, it is worth noting that these times are measured from the point of 

extrusion.  Therefore, crosslinking is not initiated until the material is extruded, 

presumably at the intended location.   This result is desirable for use in a clinical 

situation because PPF is a viscous liquid prior to crosslinking.  If injected into a space 

between bones as envisioned, the material must crosslink quickly in order to maintain 

its position without excessive leakage into the surrounding areas.   Low setting times 

such as those achieved in this study could also decrease the overall time of surgery.   

 The ratio of PPF to NVP also played a significant role in modulating the 

properties of formulations.  Previous studies have found the ratio of polymer to 

crosslinking agent to play an integral role in determining the ultimate crosslinking 

density and associated properties of PPF networks [190].   In the current study, the 

mechanical properties were generally enhanced by reducing the PPF:NVP ratio from 4:1 

to 3:1.  This could be due to the fact that as the ratio of PPF to NVP increases, there is a 

greater number of large PPF chains that may become entangled, and less small NVP 

molecules to facilitate movement.  Other previous studies have shown that the 

restricted movement of these chains may reduce the overall number of bonds that can 
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form between chains of PPF during crosslinking, thus reducing the crosslinking density 

[191].  These findings are corroborated by examining the results from the swelling ratio 

and sol fraction analysis.  From the main effects analysis, increasing the PPF:NVP ratio 

significantly increased the swelling ratio and sol fraction, thus indicating that the relative 

crosslinking densities of the networks are reduced.  Although significant values were 

observed regarding the effect of PPF:NVP ratio on the mechanical and network 

properties, no significant effect on the maximum setting temperature or setting time 

was observed.  For these formulations, the PPF:NVP ratio values of 3:1 and 4:1 may 

simply be too close in order to observe differences in the setting characteristics.  A study 

evaluating a broader range of values would be needed to confirm this hypothesis. 

 This study was also able to evaluate the changes in mechanical and network 

properties over time.  Many studies evaluating temporal changes to the structure of PPF 

have suggested that unreacted double bonds on the backbone of PPF can continue to 

crosslink over time, thereby slowly increasing the crosslinking density and strengthening 

the network [176, 182].  Again, utilizing the main effects analysis, it is evident that 

significant crosslinking continues to occur, even between 1 and 7 days at the 

physiologically relevant temperature of 37°C.  This finding is significant when 

considering how this material may be used clinically as a mechanism for fracture repair, 

whereby an increase in mechanical strength over time would be desirable to further 

stabilize a defect or fracture.    

 The use of the dual syringe system was tested in this study as it is envisioned to 

be used clinically.  Fracture stabilization, especially of facial bones, has been a long-
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standing challenge for clinicians, and research in the past has focused on using 

degradable materials [165, 166, 192].  Because mechanical strength is of paramount 

importance when attempting to stabilize a defect, the 3:1(H) and 4:1(H) formulations, 

which exhibited the greatest strength of all formulations, were chosen to test the 

performance of the system in a relevant model.  As fracture stabilization can 

immediately be evaluated, an ex vivo model was chosen to reduce costs and minimize 

the unnecessary use of animals.  During testing, the lubricated periosteum was mostly 

still intact after the creation of the osteotomy, which did not allow PPF to sufficiently 

adhere to the bone in or around the osteotomy.  Therefore, four holes of a similar 

diameter to what is normally created for the screws in a titanium plate fixation 

approach were created adjacent to the osteotomy (2 on each side) to act as mechanical 

anchor points for the PPF.   Upon injection, PPF flowed through the holes prior to 

crosslinking and was able to form a tight mechanical interlock around the fracture.  The 

overall mechanical stability of the system was evident by the fact that the flexural 

stiffness of the mandibles with a titanium plate and screw fixator was lower than the 

stiffness of the mandibles stabilized with PPF.  Interestingly, the 4:1(H) group had the 

highest stiffness value, which was incongruent to the mechanical data observed in vitro.  

First, this strongly addresses the need for ex vivo/in vivo studies for crosslinked 

polymers that have potential for clinical application.  The difference in data from the in 

vitro and ex vivo study cannot be pinpointed to a specific source; however, a key factor 

may be due to the interaction of the 4:1 group to bone compared to the 3:1 group.  The 

bone was kept hydrated during the injection process which could affect the crosslinking 
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process for both groups.  The 4:1 formulation contains more PPF per unit volume, thus 

the presence of more high-molecular weight molecules, which could aid in the 

protection of the BP initiator from the water present on the bone compared to the 3:1 

group.  The ex vivo data also showed that the stiffness and fracture load did not increase 

from day 1 to 7 for both PPF:NVP weight ratio groups, which was not observed for the in 

vitro analyses.  This could also be linked with the deactivation of BP as well as possible 

leaching of components from the immersion of the mandibles in PBS with antibiotics 

and sodium azide throughout the study.  Although further testing would need to be 

performed with alternate mechanical tests in multiple orientations, this study shows 

that PPF is a feasible candidate for a fracture stabilization material.   

4.6. Conclusion 

 DMT concentration, PPF:NVP ratio, and time of crosslinking were evaluated for 

their effects on mechanical , network, and setting properties of resulting formulations.  

Overall, higher concentrations of DMT increased the mechanical properties of 

formulations across all crosslinking periods and reduced setting times.  A reduced 

PPF:NVP ratio also increased mechanical properties.  Each effect demonstrates the 

flexibility of this system and although the properties obtained were shown to be 

suitable for mandibular fracture fixation, the knowledge put forth in this study could be 

applied to other applications such as 3D printing or facial contouring.  Taken as a whole, 
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this study showed that PPF formulations incorporated into a dual syringe system have 

the potential for clinical use.   
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Chapter 5 

Development of a Biodegradable Bone Cement 

for Craniofacial Applications3 

5.1. Abstract 

This study investigated the formulation of a two-component biodegradable bone 

cement comprising the unsaturated linear polyester macromer poly(propylene 

fumarate) (PPF) and crosslinked PPF microparticles for use in craniofacial bone repair 

applications.  A full factorial design was employed to evaluate the effects of formulation 

parameters such as particle weight percentage, particle size, and accelerator 

concentration on the setting and mechanical properties of crosslinked composites.  It 
                                                      
 

3 This chapter was published as: Henslee, A.M., D.H. Gwak, A.G. Mikos, and F.K. Kasper, 
Development of a biodegradable bone cement for craniofacial applications. Journal ofBiomedical 
Materials Research Part A, 2012. 100A(9): p. 2252-2259. 
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was found that the addition of crosslinked microparticles to PPF macromer significantly 

reduced the temperature rise upon crosslinking from 100.3 ± 21.6 to 102.7 ± 49.3 °C for 

formulations without microparticles to 28.0 ± 2.0 to 65.3 ± 17.5 °C for formulations with 

microparticles.  The main effects of increasing the particle weight percentage from 25 to 

50% were to significantly increase the compressive modulus by 37.7 ± 16.3 MPa, 

increase the compressive strength by 2.2 ± 0.5 MPa, decrease the maximum 

temperature by 9.5 ± 3.7 °C, and increase the setting time by 0.7 ± 0.3 min.  

Additionally, the main effects of increasing the particle size range from 0-150 µm to 150-

300 µm were to significantly increase the compressive modulus by 31.2 ± 16.3 MPa and 

the compressive strength by 1.3 ± 0.5 MPa.  However, the particle size range did not 

have a significant effect on the maximum temperature and setting time.  Overall, the 

composites tested in this study were found to have properties suitable for further 

consideration in craniofacial bone repair applications. 

5.2. Introduction 

Treatment of osseous defects in the craniofacial complex remains a significant 

challenge to clinicians.  Due to conditions such as tumor resections [193], trauma [194], 

or congenital disorders [195], the surgical replacement of bone in the craniofacial region 

is a relatively common procedure.   In addition to restoration of the functional aspects 

of tissues, reconstructive procedures in the head and neck must also address aesthetic 

features in order to maintain quality of life for the patient [196].   
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The current gold standard for definitive treatment of osseous craniofacial 

defects is autografting.  Despite its widespread use and clinical success, complications 

such as donor site morbidity and the associated reduced quality of life and pain, 

increased operative time, and risk for further fractures are common [11-14].  Thus, the 

potential exists for other strategies, such as the use of alloplastic materials, to have a 

clinical impact.  The literature describes the ideal biomaterial for craniofacial bone 

repair as biocompatible, mechanically stable enough to resist trauma, and easily shaped 

or molded [23, 197].  In compliance with these criteria, poly(methyl methacrylate) bone 

cement has been used in craniofacial bone applications since the mid-1990s.  The acrylic 

resin is moldable in situ, but its high curing temperature can damage local tissues [198, 

199], especially in the sensitive areas of the head and neck.  This material is 

advantageous in cost and availability, but lacks the ability to degrade, thus making it 

impossible to fully restore the patient’s native tissue or adjust the facial contour at a 

later point in time if implanted permanently, or requiring an additional surgery for 

removal if implanted temporarily.  Therefore, the need exists for a material that satisfies 

the aforementioned criteria for craniofacial bone repair while presenting the ability to 

degrade. 

Poly(propylene fumarate) (PPF), is an unsaturated, linear polyester macromer 

that has been developed in our laboratory for a variety of orthopaedic applications.  

Previous studies have shown crosslinked PPF to be biodegradable [173, 174, 176, 200] , 

biocompatible [173, 201, 202], osteoconductive [173, 175, 203, 204], and to possess 
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sufficient compressive strength for orthopaedic applications [177, 205].  Other issues 

such as the setting and injectability characteristics are also important for clinical 

consideration.  In this regard, in order to obtain sufficient setting times for in situ 

forming applications with PPF, an accelerator must be present in the reaction, increasing 

the setting temperature above that of PMMA. 

To mitigate this problem, the objective of this study was to investigate the 

reduction in temperature rise upon crosslinking of PPF by incorporating crosslinked PPF 

microparticles into the mixture, and to evaluate the validity of this material for clinical 

applications by characterizing the setting and mechanical properties.  The material was 

made by formulating PPF into a two-phase system analogous to that of clinically 

available PMMA bone cement, consisting of a powder phase of crosslinked PPF 

microparticles and an initiator, benzoyl peroxide (BP); and a liquid phase of PPF 

macromer, the crosslinking agent N-vinyl pyrrolidone (NVP), and the accelerator 

dimethyl toluidine (DMT).  Particle weight percentage, particle size range, and DMT 

concentration were varied in a full factorial design in order to determine their effects on 

the compressive modulus, compressive strength, maximum crosslinking temperature, 

setting time, and injectability of composites.  Desirable properties for this application 

include a significantly reduced crosslinking temperature over clinically used PMMA; a 

clinically relevant setting time of 5-11 minutes [206, 207]; a compressive modulus and 

strength of at least 200 and 10 MPa [208, 209], respectively, to resist trauma; and the 

ability to be injectable.  It was envisioned that the PPF formulations tested in this study 
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would satisfy many of the design criteria outlined for biomaterials in craniofacial 

applications, as does clinically available PMMA bone cement.  

5.3. Materials and Methods 

5.3.1. Materials 

Diethyl fumarate, propylene glycol, NVP, DMT, and BP were purchased from 

Sigma-Aldrich (St. Louis, MO) and used as received.  All solvents for PPF purification 

were purchased from Fisher (Pittsburg, PA) as reagent grade and used as received.  

Medium viscosity SmartSet bone cement was supplied by DePuy Orthopaedics (Warsaw, 

IN) (solid phase: 67.05 wt % poly(methyl methacrylate), 21.10 wt % methyl-

methacrylate/styrene copolymer, 1.85 wt % benzoyl peroxide, 10.00 wt % barium 

sulphate; liquid phase: 98.00 wt % methyl methacrylate, ≤2.00 wt % N,N-dimethyl 

toluidine, 75 ppm hydroquinone). 

5.3.2. PPF Synthesis and Microparticle Fabrication 

PPF was synthesized according to established methods [210, 211].  The 

molecular weight was confirmed via gel permeation chromatography (GPC) (Waters, 

Milford, MA) using polystyrene standards (Fluka, Switzerland).  PPF with a number 

average molecular weight of 3300 and a polydispersity index of 1.7 was used in this 

study.   
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PPF microparticles were synthesized by grinding crosslinked PPF rods.  Briefly, a 

solution of PPF and NVP (Sigma-Aldrich, St. Louis, MO) was combined in a 4:1 mass ratio 

and benzoyl peroxide (BP, Sigma-Aldrich) was added in 2 wt % of the total PPF/NVP 

solution.  The solution was then poured into 15 mm diameter x 60 mm height 

poly(tetrafluoroethylene) (PTFE) molds and crosslinked at 60°C for 24 hours.  Then, the 

rods were removed, broken into smaller pieces using a hammer, and ground into 

powder using a grinder (Mr. Coffee, Cleveland, OH, model IDS 55).  The ground powder 

was then sieved into 0-150 µm and 150-300 µm fractions using brass sieves (Dual 

Manufacturing Co., Chicago, IL).   

5.3.3. Experimental Design 

Experiments were based on a two-level full factorial design with three 

parameters: (1) particle weight percentage, (2) particle size range, and (3) DMT 

concentration.  High and low levels were chosen based on previous experience, and 

these levels were combined to create eight experimental formulations.  Additionally, 

formulations containing no particles (formulations A and B) and commercially available 

PMMA bone cement were used as controls.  The values for all parameters are shown in 

Table 5-1.  The properties of interest of each formulation included compressive modulus 

and strength, maximum crosslinking temperature, setting time, and injectability.  The 

results from each experiment were used to determine the main effects of each 

parameter on the property of interest. 
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Level 
Particle 

Content 
(wt %) 

Particle Size 
Range 

DMT/PPF 

High (+) 50 150-300 µm 0.1 µl/1.0 g 
Low (-) 25 0-150 µm 0.05 µl/1.0 g 

(a) High and Low Levels for Three Parameters Tested in a Two-Level Full Factorial Design 

Formulation 
Particle 

Content 
(wt %) 

Particle Size 
Range 

DMT/PPF 

A 0 N/A + 
B 0 N/A - 
C - - + 
D - - - 
E - + + 
F - + - 
G + - + 
H + - - 
I + + + 
J + + - 

(b) Combinations of the Experimental Variables in the Full Factorial Design. 

(c)  

5.3.4. Composite Fabrication 

Crosslinked composites were fabricated using a two phase combination 

technique.  The first phase, a powder component of crosslinked PPF microparticles and 

0.02 g of BP per g of liquid PPF/NVP (found in the second phase), was combined and 

mixed with a spatula.  The second phase, a liquid, was composed of a solution of PPF 

macromer and NVP in a weight ratio of 1:1 with either 0.05 or 0.1 µl of DMT per g of 

PPF/NVP.  Composites were produced by combining both components in either a 1:1 or 

Table 5-1. Study design for the full factorial study. 
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1:3 powder:liquid ratio in a beaker and stirring vigorously for 1 min with a spatula 

before packing into the appropriate mold. 

5.3.5. Scanning Electron Microscopy 

Scanning electron microscopy samples were prepared by placing particles or 

composites on sample holders and sputter coating with approximately 20 nm of gold 

using a CrC-150 Sputter Coater (Torr International, New Windsor, NY). The top surface 

of each sample was viewed using a Quanta 400 Electron Microscope (FEI, Hillsboro, OR) 

operated at 15kV. 

5.3.6. Compressive Strength and Modulus 

The compressive mechanical properties of the composites were measured to 

establish the influence of PPF microparticle incorporation on mechanical performance. 

In accordance with ASTM D792-08, 6 mm diameter x 12 mm height cylindrical 

constructs (n = 6) were compressed along their long axis at a cross-head speed of 1 

mm/min using a mechanical testing machine (MTS, 858 Mini Bionix, Eden Prairie, MN) 

with a 10 kN load cell. 

Force and displacement were recorded throughout the compression and 

converted to stress and strain based on the initial specimen dimensions. The 

compressive modulus was analyzed using the TestStar 790.90 mechanical data analysis 

package designed by MTS and calculated as the slope of the initial linear portion of the 

stress–strain curve. The offset compressive yield strength was determined as the stress 
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at which the stress–strain curve intersected with a line drawn parallel to the slope 

defining the modulus, beginning at 1.0% strain. 

5.3.7. Maximum Temperature and Setting Time 

Maximum temperature and setting time were determined using an adaptation 

of ASTM F451[212] by recording the temperature of the crosslinking mixture (or the 

PMMA polymerizing mixture) as a function of time after mixing the solid and liquid 

phase.  The mixture was packed into a cylindrical Teflon mold (1 cm diameter x 1 cm 

height) with a temperature measurement probe connected to a digital multimeter 

(Datalogging Multimeter, Data Acquisition System ML720, Extech Instruments Corp., 

MA) positioned in the center of the sample (5 mm from the bottom of the mold). As the 

highest temperature within each sample is expected to occur at the center of the 

crosslinking mixture, the probe was placed in the center of the mold to provide a 

conservative measure of the maximum temperature. The temperature of the mixture 

was recorded every 1 s until the temperature began to drop.  Maximum temperature 

(Tmax) was defined as the highest temperature attained during crosslinking, and setting 

time (tset) was determined as the time taken for the mixture to reach the setting 

temperature (Tset). The following equation was used to calculate the setting 

temperature: 

 

 

Equation 5-1. Setting temperature. 
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where Tamb is the recorded ambient temperature. 

 For each measurement, the temperature change was plotted against time 

and the average and standard deviation of Tmax and tset for each group were determined 

from three measurements (n = 3). 

5.3.8. Injectability 

Injectability was determined by modifying a previously established method [213, 

214].  Briefly, 2 ml of each sample was mixed for 45 s before loading into 10 ml syringes 

fitted with an 11 gauge needle.  Samples were extruded from syringes starting at 2 min 

after mixing at a crosshead speed of 20 mm/min until the entire sample was extruded 

(total extrusion time of 36 s) or to a maximum force of 100 N.  Force vs. displacement 

was recorded and data are reported as the volumetric percentage of each sample that 

was able to be extruded. 

5.3.9. Statistical Analysis 

Differences between individual groups were determined using one-way ANOVA 

with post hoc analysis via Tukey’s HSD and a significance level of α = 0.05.  Main and 

interaction effects between parameters were analyzed via a linear regression analysis 

from a previously established method[177] using SAS JMP 7.0 software.  Differences 

observed during the main effects analysis were deemed significant if the standard error 

of the effect did not cross zero. 
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5.4. Results 

5.4.1. Compressive Strength and Modulus 

For formulations containing no microparticles (groups A and B), crosslinked 

specimens exhibited significantly reduced compressive modulus and strength when 

compared to formulations containing at least 25 wt% particles.  When composite 

formulations contained twice the amount of crosslinked particles (50 wt % vs. 25 wt %), 

compressive modulus increased by an average of 37.7 ± 16.3 MPa (Figure 5-1).  The 

compressive modulus also increased when the particle size range was changed from 0-

150 µm to 150-300 µm by an average of 31.2 ± 16.3 MPa.   

 

A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level (-) to a high level (+).  Error bars 
represent the standard error of the effect (± 16.3 MPa) (n = 5). 

Figure 5-1. The main effects of particle weight percentage, particle size, and DMT/PPF 
ratio on the compressive modulus of crosslinked composites. 
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Compressive strength was affected by all three parameters (Figure 5-2).  

Specifically, increasing the particle weight percentage, particle size, and DMT 

concentrations parameters from low to high resulted in increased compressive strength 

by 2.2 ± 0.5, 1.3 ± 0.5, and 1.1 ± 0.5 MPa, respectively. 

 

A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level (-) to a high level (+).  Error bars 
represent the standard error of the effect (± 0.5 MPa) (n = 5). 

 

5.4.2. Maximum Crosslinking Temperature 

Maximum crosslinking temperature was significantly affected by both particle 

weight percentage and the DMT concentration (Figure 5-3).  All formulations containing 

Figure 5-2. The main effects of particle weight percentage, particle size, and DMT/PPF 
ratio on the compressive strength of crosslinked composites. 
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particles exhibited lower crosslinking temperatures than the two formulations without 

particles, although the difference was not significant for all groups.  When particle 

weight percentage increased from 25 to 50%, the maximum crosslinking temperature 

significantly decreased by an average of 9.5 ± 3.7 °C.  Also, when the concentration of 

DMT increased from 0.05 to 0.1 µl/g PPF/NVP, the crosslinking temperature significantly 

increased by an average of 5.4 ± 3.7 °C.  

 

A positive number indicates that the particular parameter had an increasing effect on the 
maximum crosslinking temperature as it was changed from a low level (-) to a high level (+).  
Error bars represent the standard error of the effect (± 3.7 °C) (n = 3). 

 

Figure 5-3. The main effects of particle weight percentage, particle size, and DMT/PPF 
ratio on the maximum crosslinking temperature of crosslinking formulations. 
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5.4.3. Setting Time 

The setting time of formulations was significantly longer for formulations 

containing the high weight percentage of particles and low concentration of DMT 

(formulations H and J) (Table 2, Figure 5-4).  When particle weight percentage increased 

from 25 to 50%, the setting time significantly increased by an average of 0.7 ± 0.3 min.  

Also, when the concentration of DMT increased from 0.05 to 0.1 µl/g PPF/NVP, the 

setting time significantly decreased by an average of 1.0 ± 0.3 min. 

 

A positive number indicates that the particular parameter had an increasing effect on the 
setting time as it was changed from a low level (-) to a high level (+).  Error bars represent the 
standard error of the effect (± 0.3 min) (n = 3). 

 

Figure 5-4. The main effects of particle weight percentage, particle size, and DMT/PPF 
ratio on the setting time of crosslinking formulations. 
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5.4.4. Injectability 

The injectability of 6 out of the 10 formulations tested was 100% given the 

current method (Table 5-2).  Formulations that did not have 100% injectability include 

groups A and E, which also had the lowest setting times, and groups I and J, which both 

contained the larger particles in the highest weight percentage (Table 5-2).  Additionally, 

medium viscosity PMMA bone cement was tested and the injectability was significantly 

lower than all PPF formulations.   

Injectability was significantly affected by particle weight percentage as well as 

particle size (Figure 5-5).  By increasing particle weight percentage from 25 to 50, the 

injectability was significantly reduced by 9.0 ± 2.6%.  Also, when the size range of 

included particles was increased from 0-150 to 150-300 µm, the injectability was 

reduced by 10.0 ± 2.6%.   
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A positive number indicates that the particular parameter had an increasing effect on the 
compressive modulus as it was changed from a low level (-) to a high level (+).  Error bars 
represent the standard error of the effect (± 2.6 %) (n = 3). 

Formulation 
Compressive 

Modulus (MPa) 
Compressive 

Strength (MPa) 
Maximum 
Temp. (°C) 

Setting 
Time (min) 

Injectability 
(%) 

A 439.2 ± 35.8A 17.0 ± 1.1A 100.3 ± 21.6A,B 2.2 ± 0.8A 73.4 ± 46.1A,B 

B 454.9 ± 53.8A,B 18.0 ± 1.5A 102.7 ± 49.3A 3.0 ± 1.3A 100 ± 0A 

C 772.1 ± 60.7D,E 29.5 ± 0.8C 65.3 ± 17.5A,B,C 2.7 ± 0.3A 100 ± 0A 

D 590.3 ± 51.1B,C 23.9 ± 0.8B 38.3 ± 6.8C 4.3 ± 0.8A,B 100 ± 0A 

E 801.0 ± 71.3E,F 31.4 ± 0.7D,E 49.7 ± 4.6B,C 2.5 ± 0.1A 96.0 ± 6.9A 

F 633.4 ± 53.7C,D 23.0 ± 1.4B 35.7 ± 3.5C 3.5 ± 0.6A 100 ± 0A 

G 638.6 ± 61.3C,D 27.1 ± 2.9C,D 27.7 ± 2.5C 3.6 ± 1.1A 100 ± 0A 

H 821.7 ± 60.7E,F 30.9 ± 2.1D 27.7 ± 0.6C 6.4 ± 0.3B,C 100 ± 0A 

I 727.1 ± 55.0C,D,E 32.3 ± 1.9D,E 30.0 ± 3.0C 3.1 ± 0.6A 67.2 ± 6.8A,B 

J 911.0 ± 38.8F 34.4 ± 1.3E 28.0 ± 2.0C 5.8 ± 0.8B 57.2 ± 10.4A,B 

PMMA 1733.7 ± 161.1G 57.6 ± 1.6F 62.3 ± 6.7A,B,C 8.1 ± 0.6C 30.6 ± 23.1B 

Values which do not share the same letter within each column are significantly different, p < 
0.05. 

Figure 5-5. The main effects of particle weight percentage, particle size, and DMT/PPF 
ratio on the injectability of crosslinking formulations. 

Table 5-2. Summary of Results for Compressive Modulus, Compressive Strength at 
Yield, Maximum Temperature, Setting Time, and Injectability. 
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5.5. Discussion 

This study investigated the formulation of a PPF-based biodegradable bone 

cement into a two-component system including crosslinked microparticles and 

evaluated the effects of the formulation on its setting characteristics and the 

mechanical properties of the crosslinked composites.  Overall, the results of this study 

indicate that the crosslinking temperature of polymer composites composed of PPF can 

be reduced by the introduction of crosslinked particles without sacrificing other 

important properties.  Additionally, the mechanical and setting properties of those 

composites can be predictably adjusted by varying several formulation parameters. 

One important aspect of the composites in this study is the ability of crosslinking 

PPF to form a covalent bond with previously crosslinked PPF.  In other words, the 

mechanical stability and ultimate success of the material in question depends on 

whether or not a liquid matrix of PPF can crosslink to incorporated microparticles and 

form a covalent network.  Previous studies have shown that PPF, even when crosslinked 

at a high temperature for up to three weeks, still contains unreacted double bonds 

[215].  Therefore, in this study, the unreacted double bonds found on the surface of the 

crosslinked microparticles can still form bonds with the crosslinking liquid PPF.  By SEM 

image analysis (Figure 5-6), it appears there is little evidence of any demarcation 

between the microparticles and the surrounding matrix.  Additionally, the mechanical 

analysis showed that specimens with particles exhibited significantly higher compressive 

moduli than those without particles, which may reflect that a covalent network was 
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formed between the two forms of PPF.  This observed increase in compressive modulus 

may also be attributed to additional crosslinking of the unreacted double bonds on the 

surface of the microparticles.  

 

 

(A) and (B) show microparticles in the 0-150 µm and 150-300 µm size ranges, respectively.  (C) 
and (D) show the surface of crosslinked composites incorporating those microparticles in the 
0-150 µm and 150-300 µm size ranges, respectively. (E) and (F) show fracture planes of the 
composites after compressive mechanical testing  incorporating microparticles in the 0-150 
µm and 150-300 µm size ranges, respectively.  Each scale bar represents 500 µm. 

Figure 5-6. SEM images of crosslinked and sieved PPF microparticles and composites 
incorporating those microparticles.   
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Particle size had significant effects on the compressive modulus and strength of 

crosslinked composites, and injectability of crosslinking formulations.  Specifically, 

increased particle size resulted in an increase in the compressive properties of 

composites.  This finding is in contrast to a previous study conducted using calcium 

phosphate cements that found that smaller particle sizes resulted in increased 

compressive strength up to the point where agglomeration occurred [216].  Therefore, it 

may be possible that aggregation of crosslinked PPF microparticles in the smaller size 

range contributed to the reduction in compressive properties.  Additionally, as 

expected, formulations incorporating the larger particle size range were less injectable, 

but only when the formulation contained the larger amount of particles (groups I and J).  

With larger particles at a higher percentage, a phenomenon occurred known as filter 

pressing, whereby the liquid portion of the mixture is forced through the syringe leaving 

behind a solid mass of particles [214, 217].  This problem is typically overcome in other 

composite formulations by increasing the liquid to powder ratio. 

In addition to particle size, the effect of particle weight percentage on construct 

properties was observed.  As particle weight percentage increased from 25 to 50%, the 

compressive modulus and strength of composites also significantly increased.  This is 

likely due to the fact that the microparticles were fabricated and crosslinked prior to 

composite formation, and therefore a much more robust crosslinking temperature of 

60°C for 24 hours could be used.  Higher crosslinking temperatures have previously been 

shown to increase the crosslinking density of PPF and the resulting compressive 

mechanical properties [178].  Therefore, it is likely the PPF microparticles had a higher 
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compressive modulus and strength than the surrounding PPF matrix, especially given 

the lower crosslinking temperature of 37°C used for composite formation to simulate 

conditions expected in the envisioned clinical application.  As a result, the composites 

with a larger amount of microparticles exhibited increased compressive properties. 

Increased particle weight percentage also had desirable effects on the maximum 

crosslinking temperature and setting time of formulations.  Predictably, the maximum 

crosslinking temperature was significantly reduced by increasing particle weight 

percentage.  Because the liquid PPF component of each formulation is the primary 

contributor to heat production during crosslinking, less heat is produced by 

formulations that contain smaller amounts of liquid PPF.  Also, the microparticles may 

act as a heat sink during crosslinking, thereby absorbing energy from the crosslinking 

reaction and further diminishing temperature rise.  Finally, increased particle weight 

percentage also decreased the injectability of crosslinking formulations.  As mentioned 

previously, increasing the ratio of the powder to liquid in the formulations tested caused 

the syringe to retain the larger particles, thus reducing the overall injectability. 

 The effects of DMT concentration were also apparent from the data.  If one 

were to isolate DMT concentration and analyze the main effects of this parameter on 

the compressive modulus, at first glance there appears to be little correlation (Figure 

5-1).  However, through analysis of the interaction effects, the data show that DMT 

concentration and particle weight percentage exhibit a qualitative inverse effect on the 

compressive modulus and compressive strength (Figure 5-7).   
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A positive slope indicates that the compressive property was increased when particle weight 
percentage was increased from 25% to 50%. 

 

With the lower particle weight percentage of 25%, decreasing DMT 

concentration decreases compressive modulus and strength of composites.  This is an 

expected result because the function of DMT is to increase the rate of radical formation 

Figure 5-7. The interaction effects between DMT/PPF ratio and particle weight 
percentage on the compressive modulus (A) and strength (B) of crosslinked 
composites. 
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from the benzoyl peroxide initiator, thereby accelerating the crosslinking reaction and 

theoretically increasing the crosslinking density of the resulting network.  An increase in 

crosslinking density has previously been shown to increase mechanical properties of 

crosslinked PPF [178].  In contrast, at the highest particle weight percentage of 50%, the 

data show that mechanical properties are inversely related to DMT concentration 

(Figure 5-7).  Although counter-intuitive, this response may be due to the fact that much 

less liquid is present in the mixture, and so the mechanical properties are more affected 

by the interaction between the crosslinked particles and the liquid matrix, and less so by 

the final strength of the crosslinked continuous phase.   In this case, as the 

concentration of DMT in the liquid phase is decreased, the crosslinking density of that 

phase is decreased, the mobility of PPF macromer chains remains high while the 

network is crosslinking, and thus there exists greater crosslinking interactions between 

the continuous phase and the particles and the resulting mechanical properties are 

increased.  In contrast, higher DMT concentration leads to increased crosslinking density 

and reduced chain mobility, thus causing reduced interaction between the continuous 

phase and the particles and an overall reduction in compressive mechanical properties.  

Future studies examining the crosslinking density of all formulations would be needed 

to confirm this hypothesis. 

The formulations in this study were also evaluated for their potential in clinical 

situations.  Previous studies evaluating implantable materials in the craniofacial region 

have used materials with significantly reduced mechanical properties compared to 

native bone.  For example, a clinical study by Bruens et al. [209] in 2003 followed 24 
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patients with various craniofacial conditions and found that PMMA with 50% by volume 

porosity (compressive modulus and strength of 300 and 10 MPa, respectively [208]) was 

sufficient to maintain structural integrity and prevent collapse of the surrounding soft 

tissue.  In this study, the weakest experimental formulation had a compressive modulus 

and strength of 590 and 23 MPa, respectively, providing a mechanical stability that is 

more than adequate for this application.  Additionally, although the setting times of the 

experimental formulations in this study were found to be less than that of PMMA, 

several formulations (H and J) fall within the average setting times of 5-15 minutes 

obtained for several formulations of PMMA [206, 207].  Therefore, it is possible to 

obtain clinically relevant setting times by controlling factors such as DMT concentration 

and particle weight percentage.   

5.6. Conclusion 

In conclusion, a two-phase system based on PPF was developed analogous to 

clinically available PMMA bone cement.  Properties such as compressive modulus and 

strength, maximum setting temperature, setting time and injectability were analyzed 

and compared to clinically available PMMA.   The addition of crosslinked PPF 

microparticles resulted in reduced crosslinking temperature of formulations to below 

that of PMMA.  Also, it was found that the parameters of this two-phase system 

including particle weight percentage, particle size, and accelerator concentration were 

able to significantly influence the properties of crosslinked composites.  Overall, the 
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properties of this novel system including mechanical stability, crosslinking temperature 

and time, and injectability were found to be suitable for craniofacial bone repair 

applications. 
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Chapter 6  

Porous Polymethylmethacrylate Fabricated 

Preoperatively for use as a Mandibular Space 

Maintainer post Tumor Resection4 

6.1. Abstract 

Large bony defects of the mandible are some of the most devastating injuries for 

patients due to the important functional and aesthetic role of the lower jaw.  In 

craniofacial reconstructive surgery, temporary alloplastic implants composed of 

polymethylmethacrylate (PMMA) are used to maintain the void space created by bone 

                                                      
 

4
  A version of this chapter has been accepted for publication in Oral and Maxillofacial 

Surgery Clinics of North America (2014) as: Henslee, A.M., P.P. Spicer, S.R. Shah, A.M. Tatara, 
F.K. Kasper, A.G. Mikos, and M.E. Wong, Use of Porous Space Maintainers in Staged Mandibular 
Reconstruction.  
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loss from trauma or tumor removal, but are often associated with wound dehiscence.   

Recent advances regarding these space maintainers (SMs) have utilized 3D modeling of 

patients to assist in surgical planning as well as the addition of porosity to implants to 

improve retention and soft tissue integration and reduce the incidence of dehiscence.  

In this work, porous PMMA SMs were fabricated preoperatively from patient-specific 3D 

models using carboxyymethylcellulose as a porogen.  These SMs were temporarily 

implanted into patients following the removal of a mandibular tumor.  Porous SMs 

fabricated by the methods described here may provide advantages over currently used 

materials and methods such as reduced operative time and reduced incidence of 

dehiscence.  

6.2. Introduction 

In addition to enabling important functions such as mastication, deglutition, and 

speech, the mandible also defines the lower contour of the face and is important in the 

overall esthetic appearance of the individual [218].  Large continuity defects of the 

mandible created by tumor resection or trauma are devastating injuries for patients.  In 

cases such as those involving blast injuries encountered on the battlefield or locally 

aggressive tumors, bone loss is often associated with the removal or devitalization of 

the overlying soft tissue layers [26, 219].  Surgeons must then regenerate lost bone 

within the mandible while restoring the aesthetic features of the face through the 

regeneration of overlying soft tissue.  
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A wide range of techniques and procedures exist for the reconstruction of 

osseous defects in the craniofacial region, with the gold standard of treatment 

remaining autologous bone transplantation [220, 221].  In many cases, autologous bone 

transplantation and definitive reconstruction is delayed until a stable and clean wound 

environment is achieved [222].  Without this delay to allow the soft tissue envelope to 

heal and clear infection, it is likely that a bone graft will become exposed (dehisced), 

infected and require removal [223, 224]. The concept of space maintenance was 

developed to facilitate these staged reconstructive procedures. 

Space maintenance involves the temporary implantation of an alloplastic 

material into a defect to prevent wound contracture into the space normally occupied 

by bone[222].  Without the use of a space maintainer (SM), the overlying soft tissue 

grows into the defect, producing a noticeable concavity outside of the jaw.  Currently, 

the most widely used alloplastic material for craniofacial reconstructions is 

polymethylmethacrylate (PMMA) bone cement, an acrylic-based resin [194].  PMMA has 

historically been used in space maintenance applications [222, 223, 225] and others 

within the craniofacial complex [226].PMMA is strong, non-degradable, easily moldable, 

inert, and familiar to surgeons, making it an ideal material for temporary placement into 

irregularly shaped defects [222].  However, intraoperative formation of PMMA SMs can 

cause local thermal or chemical necrosis as a result of high curing temperatures and 

leaching of residual monomer (MMA) [227, 228].  In addition, complications such as 
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implant extrusion and dehiscence have been reported for conventional SMs composed 

of solid PMMA [222-224].   

Recent research regarding PMMA in craniofacial applications has focused on two 

methods to improve the performance of these implants.  Firstly, advances in computer 

aided modeling have paved the way for virtual surgical planning techniques in 

craniofacial reconstruction [229-231].  Briefly, a model of the patient’s mandible is 

created from three-dimensional computed tomography (CT) scans.  The model assists in 

the planning of the reconstruction and can be used as a template to fabricate a SM of 

the proposed defect prior to surgery.  Secondly, much research has focused on the 

creation of porosity within facial implants to improve retention and soft tissue 

integration [232-234].  A porous structure allows fibrovascular tissue ingrowth, which 

improves wound healing and the formation of a stable interface.  The focus of this work 

was to combine these two processes and describe the procedures used to fabricate and 

implant porous PMMA implants made from 3D molds for clinical use as craniofacial SMs.  

6.3. Materials and Methods 

6.3.1. 3D Model Fabrication 

CT scans were used to create 3D models composed of a starch-based polymer of 

each patient’s mandible (Figure 6-1A).  Each model was then mounted on a base 

composed of Plaster of Paris (PP), which outlined the inferior border of the mandible 
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(Figure 6-1B) and provided a reference for re-creating the mandible’s anatomical 

alignment after it had been sectioned to duplicate the planned surgical procedure.  The 

pathological section was removed from the model and a wax spacer was molded to 

match the dimensions of the defect (Figure 6-1C,D).  Use of the PP base plate in this step 

ensured that the original dimensions of the mandible remained intact while molding the 

wax template.  Additionally, the 3D models were used to pre-bend a reconstruction 

bone plate prior to surgery to reduce operative time (Figure 6-1B,D).  The wax spacer 

was used as a template and a mold was formed around it using an elastomeric silicone 

polymer. Once the mold had set, it was cut in half to create a negative mold of the 

proposed space maintainer (Figure 6-1E).  Porous PMMA was then placed into these 

molds as described below (Figure 6-1F).  
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A) A starch model of a mandible fabricated via the patients’ CT data and 3D printing. (B) A 
mandibular model within a Plaster of Paris base plate. An outline of the proposed location of 
the reconstruction bone plate is visible along the lower portion of the mandibular model. (C) 
The mandibular model shown with a removed section of the proposed defect. (D) A hand 
formed wax spacer occupying the proposed defect. (E) The wax spacer shown next to its 
negative mold fabricated from silicone. (F) A porous PMMA SM shown within the silicone 
mold. 

 

6.3.2. Implant Fabrication 

PMMA bone cement (Cobalt High Viscosity) was obtained from Biomet (Warsaw, 

IN).  CMC was obtained as carboxymethylcellulose sodium from Ashland (MW=700kDa, 

Degree of Substitution=0.7) (Covington, KY). Implants were fabricated as previously 

described [37].  CMC hydrogel was prepared by dissolving 9wt% carboxymethylcellulose 

sodium in ddH2O, resulting in a viscous hydrogel.  For the implants, 30wt% CMC 

Figure 6-1. 3D model fabrication. 
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hydrogel was added to the powder phase of PMMA bone cement (typically 40g) and 

mixed thoroughly with a spatula for 1min.  The liquid monomer phase of the bone 

cement was then added to the powder/CMC mixture and mixed rapidly with a spatula 

for 1min.  The resulting slurry was then placed into silicone molds and allowed to fully 

polymerize for at least 8hrs at ambient temperature.  A small amount of excess material 

was used separately for implant characterization.   After removing from the molds, 

implants were placed in 2L of ddH2O and mildly agitated on an orbital shaker (Cole 

Parmer, Vernon Hills, IL) at 60rpm for 48hrs, with ddH2O changes every 12 hours.  The 

implants were then frozen at -20°C for at least 4hrs, then lyophilized for at least 24hrs 

before being sent to the hospital for sterilization via ethylene oxide treatment (14hr 

cycle). 

6.3.3. Implant Characterization 

Implant porosity and pore interconnectivity were analyzed using microcomputed 

tomography (µCT) as previously described [37]. Briefly, a portion of each implant 

preparation was scanned using a SkyScan 1172 microCT imaging system (SkyScan, 

Aartselaar, Belgium). High-resolution 1280x1024 pixel images were created by scanning 

at 15mm/pixel resolution with no filter at voltage and current settings of 100kV and 

100mA, respectively. Serial tomograms were reconstructed and analyzed using NRecon 

and CTAn software packages provided by SkyScan. For porosity analyses, the scanned 

object volumes were binarized using a global threshold of 35–255. Porosity was 

determined using a 6mm diameter x 10mm height cylindrical volume of interest to 
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eliminate edge effects. Pore interconnectivity was determined by repeatedly applying a 

shrink wrap algorithm with minimum interconnection sizes ranging from 30µm to 

120µm. Interconnectivity is reported as the percentage of pore volume accessible from 

outside the volume of interest, with pores considered accessible only if the 

interconnection to that pore allowed a sphere with diameter of the user defined 

minimum interconnection size to pass through. 

Scanning electron microscopy samples were prepared as previously described 

[180].  Briefly, cross sections of each sample were created by cutting the porous 

material using a diamond saw.  Then, both the outer surface and inner cross section 

were sputter coated with approximately 20nm of gold using a Denton Sputter Coater 

(Moorsetown, NJ). Samples were imaged using a Quanta 400 Electron Microscope (FEI, 

Hillsboro, OR) operated at 10kV. 

6.3.4. Surgical Implantation 

Surgeries were performed under the guidance of Dr. Mark Wong at the 

Memorial Hermann Hospital or Ben Taub General Hospital in Houston, TX.  The goal of 

the initial surgery was to remove the tumor with sufficient margins and place the SM in 

the entirety of the created defect.  SMs were removed from sterile packaging and 

submerged in bacitracin solution at the beginning of surgery to mitigate contamination.  

Once the defect was created, SMs were cut with a reciprocating saw and trimmed with 

an acrylic reduction burr to match the exact dimensions of the defect.  Additionally, the 
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surface of SMs was smoothened to remove sharp edges or irregularities from the 

fabrication process that otherwise may have perforated the overlying soft tissue layers.  

Care was taken to ensure that the margins of the SM remained in contact with the bone 

of the mandible on either side of the defect.  Once the surgeon was satisfied with the 

shape of the SM, it was secured to the reconstruction bone plate used to stabilize the 

mandibular segments on either side of the continuity defect. 

6.4. Results 

6.4.1. Implant Characterization 

The porosity of implants ranged from 11.0-17.9% with an average of 14.5% and a 

standard deviation of 2.7% (Figure 6-2).  These values are consistent with a previous 

study characterizing the porosity of similar constructs [37].  Pore interconnectivity for a 

30µm interconnection size was 48.3 ± 14.7% and decreased drastically with increasing 

interconnection sizes (Figure 6-3). SEM images revealed pores throughout the surface 

and interior of scaffolds (Figure 6-2).  
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Porosity values were calculated by µCT as described in the materials and methods section.  
Virtual µCT cross sections of implants were made by slicing through the center of axially 
oriented samples (6mm diameter x 10mm height).  Scanning electron micrographs were taken 
from the cross sections of samples cut using a diamond saw or the outer surface of samples 
(uncut).  Scale bars for each image represents 1mm.  

Figure 6-2. Implant porosities and representative images. 
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Implant pore interconnectivity percentages as a function of the minimum interconnection 
size.  Means and standard deviations were calculated across all implants (n=5). 

 

6.4.2. Surgical Implantation 

1. Case 1 

A 28 year old male complaining of jaw swelling was referred to the OMFS clinic 

and after biopsy, the lesion was diagnosed as an ameloblastoma.  After fabrication of 

the 3D model (via the method described above), it was determined that approximately 

10cm of the mandible would be removed (Figure 6-4A) and a porous SM was fabricated.  

After creation of the defect, it was noted that the tumor included a large amount of soft 

tissue that also required removal (Figure 6-4C).  The SM was placed into the defect and 

Figure 6-3. Pore Interconnectivity. 
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secured with a reconstruction bone plate and the mucosal layers closed (Figure 6-4D).  

12 days postoperatively, a small dehiscence approximately 1cm in length was noticed in 

the midline of the wound (Figure 6-4E), and an attempt at reclosing the wound was 

made.  3 weeks postoperatively, the dehiscence recurred and the spacer was exposed 

but no intervention was performed at the time.  The dehiscence continued to increase 

until 9 months later when the SM was removed and replaced with a free fibula flap and 

skin paddle for the soft tissue defect.  The patient has healed without further 

complication. 

 

 

(A) 3D model of the mandible prior to surgery with dotted lines indicating the intended cuts 
through the full thickness of the mandible. (B) Section of removed mandible showing large 
amount of soft tissue surrounding bone. (C) Implanted SM. The bone plate is visible along with 
several screws (arrows) into the SM. (D) Development of a dehiscence along the midline of the 
SM 12 days postoperatively.  

Figure 6-4. Case 1 Pictures. 
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2. Case 2 

A 48 year old man was referred for management of a large cyst involving the left 

mandible, which was diagnosed by pre-treatment biopsy as a keratocystic odontogenic 

tumor. Resection of the left hemi-mandible was performed to include to the condyle.  A 

SM, fabricated using a mold (Figure 6-5A) as previously described, was implanted into 

the defect along with a costochondral graft used to reconstruct the articulation (Figure 

6-5B).  The SM and graft were secured with a reconstruction bone plate.  The wound 

healed without complication (Figure 6-5C) and remained closed for 15 months before 

the patient consented to undergo definitive bone reconstruction of the mandible.  15 

months after resection, the SM was removed and the defect reconstructed with an iliac 

crest bone graft (ICBG) supplemented with INFUSE® (collagen with rhBMP-2).  The 

patient has healed very well with a high degree of anatomic functionality and fidelity.  

This case has been a strong validation for the benefits of using this SM technology for 

reconstructions.   
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(A) Negative silicon mold. (B) Removed portion of the mandible (including angle and condyle) 
shown next to the bone plate attached to the SM and costochondral graft. (C) Three months 
postoperatively the patient was healing without dehiscence or other complications. 

 

3. Case 3 

A 41 year old male with no significant medical history was referred for a 

radioluscent leasion with the jaw.  After biopsy, the lesion was identified as a glandular 

odontogenic cyst.  This was treated by resection, and a 6.5cm spacer was placed into the 

defect and secured with a bone plate (Figure 6-6A & B).  The wound was closed and 

healed without complications (Figure 6-6C). The SM was removed 4 months after the 

surgery (Figure 6-6D) and the mandible was reconstructed with ICBG supplemented 

with allogeneic crushed cancellous bone with rhBMP-2.  Postoperatively, a small abscess 

adjacent to the bone graft developed and this was treated with incision and drainage 

and further antibiotics.  Since then, the patient has healed uneventfully and the bone 

graft has survived with an excellent anatomical result.  

 

 

Figure 6-5. Case 2 Pictures. 
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(A) Pre-fabricated PMMA SM shown above removed section of mandible. (B) Placement of the 
SM with a bone plate. (C) 4 months postoperatively patient was healing well with no 
complications. (D) Upon explantation, the SM is surrounded by healthy, vascularized soft 
tissue. 

 

4. Case 4 

A 69 year old male was originally seen for a slow growing lesion of the right 

mandible.  After biopsy and CT scans, the multi-locular lesion was diagnosed as an 

ameloblastoma.  Approximately 4cm of the right mandible was removed (Figure 

6-7A&B) and a SM was placed and secured with a bone plate (Figure 6-7C). 6 weeks 

postoperatively, a 2cm exposure of the SM on the lateral aspect of the buccal vestibule 

Figure 6-6. Case 3 Pictures. 
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away from the incision line developed.  6 months following implantation (Figure 6-7D), 

the SM was removed and the defect reconstructed at a later stage with an ICBG.  The 

patient has healed without complication. 

 

 

(A) 3D model of the mandible prior to surgery with dotted lines indicating the intended cuts 
through the full thickness of the mandible. (B) Section of removed mandible shown next to 
SM. (C) Implanted SM covered with Alloderm. (D) Presence of large dehiscence over the SM 
approximately 6 months postoperatively.  

Figure 6-7. Case 4 Pictures. 
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5. Case 5 

A 20 year old male was referred for evaluation of a lesion in the left posterior 

mandible.  The lesion was identified by biopsy as an ameloblastoma.  Approximately 

7cm of the left posterior mandible was removed (Figure 6-8B) and a SM was implanted 

(Figure 6-8C).  2 months postoperatively, the wound remain closed and appeared to be 

healing well.  However, the patient was lost to follow up.  

 
 

 

(A) Negative silicon mold. (B) Removed portion of the mandible shown next to the SM. (C) 
Implanted SM with attached bone plate. 

 

6.5. Discussion 

The goal of mandibular reconstruction, to restore form and function, has 

remained the same since the beginning of modern medicine.  To this end, a wide variety 

of implant materials and surgical techniques have been evaluated, and the repertoire of 

the modern reconstructive surgeon continues to grow and change with advances in 

technology and clinical knowledge.  In this spirit of innovation, the work described here 

Figure 6-8. Case 5 Pictures. 
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utilized 3D modeling to fabricate porous PMMA implants for use as SMs in patients 

undergoing tumor resections.   

In the presented clinical cases, fabrication of the SMs preoperatively using molds 

produced from the patients’ own CT scans provided many advantages over 

intraoperatively fabricated implants.  Firstly, because the SMs were fabricated from 

patient scans, the implant dimensions very closely approximated the defect dimensions, 

therefore eliminating the need to mix and mold the PMMA during surgery.  Previous 

studies using 3D modeling and computer aided surgical planning methods similar to 

those used in this study found that these techniques can significantly reduce operative 

time [194].  Although slight modifications to the implants were necessary during the 

surgery, these modifications are also necessary for intraoperatively fabricated implants.  

Next, intraoperatively molded PMMA can produce local tissue necrosis through two 

mechanisms.  First, the polymerization of PMMA is highly exothermic and temperatures 

reaching as high as 110°C upon polymerization have been reported in the past [235].  By 

fabricating implants well in advance as in the current study, tissue necrosis associated 

with temperature rise can be eliminated.  Second, MMA monomer released from PMMA 

during polymerization can be toxic to cells, but previous studies have found that the 

toxicity is reduced to negligible levels after 48hrs of polymerization with solid PMMA 

samples [227, 236].  Additionally, a recent study showed that the same formulations of 

porous PMMA as were used in this study (30wt% CMC) showed minimal release of MMA 

after 3 days [237].  In the current study, the time between implant fabrication and 



 131 
  

 

implantation was well outside this range.  Overall, by fabricating implants prior to 

surgery, it is possible to reduce potential cell toxicity and operative time.   

The use of porous PMMA in this study has many advantages over conventional 

solid PMMA SMs.Past clinical studies have shown that porosity can play an important 

role in implant attachment to the surrounding soft tissue [227, 233, 234, 238]. This is 

thought to be because the pores of a SM can provide “anchorage points” for fibrotic 

tissue and mucosa to infiltrate, thereby accomplishing mechanical attachment and 

reducing the incidence of dehiscence.  In vivo studies conducted in our laboratory found 

that, porous SMs exhibit less dehiscence compared to non-porous SMs when implanted 

in rabbit mandibular defects [36, 37].  Implants fabricated in the current study were 

designed and confirmed to contain porosity values similar to that of porous SMs from 

this previous in vivo study (30wt% CMC) [37].  Examination of SEM images revealed that 

the surface of implants contained visible topographical features as well as numerous 

pores, in a manner similar to previous studies [37, 208].  Overall, the fabrication method 

used to create porous PMMA in this study was reliable and effective. 

Outcomes for the 5 patients in this study were generally positive.  Although 

dehiscences were observed for the SMs in 2 of the 5 patients, definitive treatments 

allowed full recovery for all patients.  The incidence of dehiscence in these 2 cases could 

be attributed to several factors.  In a previous study analyzing mandibular implants, 

Gemert et al. found that implants reconstructing the anterior mandible were 

significantly more likely to fail [221].  It has been hypothesized that tumor resection in 
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the anterior portion of the mandible can cause the muscles of the mouth and tongue to 

lose their attachment to the mandible, resulting in a loss of muscular support to the 

region and eventual soft tissue breakdown[221, 239].  Additionally, both of those cases 

involved the removal of a section of mandible along with a significant amount of 

overlying soft tissue (Figure 6-4B, Figure 6-7B).  With significant loss of soft tissue (i.e. 

dissections in a supra-periosteal plane), there is greater difficulty in obtaining adequate 

closure of the wound due to thinner flaps of overlying soft tissue.  Once closed, a thin 

overlying soft tissue flap is more likely to perforate and develop a dehiscence.  The 

significance of flap thickness was illustrated well when we investigated the location of 

both of the observed dehiscences.  In these cases, the dehiscences were found on the 

lateral or superior aspect of the SM, in the exact location where significant amounts of 

soft tissue were removed due to the tumor.  A reduced volume of soft tissue can also 

increase the tension applied to sutures, which should be avoided to decrease the 

likelihood of implant exposure [240].  

Towards definitive reconstruction of osseous tissues, the regeneration and 

remodeling of newly formed bone is highly dependent on the migration of cells into the 

defect from surrounding tissues, a process that relies heavily on the cellularity and 

vascularity of the recipient site [241, 242].  With respect to the current study, the 

degree of cellularity and vascularity of the recipient site is directly related to the amount 

and health of the overlying soft tissue.  Although difficult to quantify clinically, gross 

observations of the recipient sites during secondary operations in the current study 
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revealed a highly vascularized envelope of soft tissue into which the graft was placed 

(Figure 6-6D).  By improving the vascularity and thickness of the overlying soft tissue 

layer through the use of porous SMs in conjunction with soft tissue flaps, the likelihood 

of success for subsequent tissue grafts/flaps may be increased. The vascularity and 

thickness of overlying soft tissue may also have implications regarding the type of 

definitive implant a reconstructive surgeon may choose. 

The success of mandibular reconstructions should be assessed via overall patient 

outcome.  Because SMs are intended to serve only as temporary implants, the effect 

they may have on secondary, definitive reconstructive procedures must be considered.  

In the past, autologous tissue has outperformed all other types of definitive implant 

materials with regards to the quality and amount of restored native tissue.  The two 

primary types of autologous tissue transplantation include vascularized bone flaps 

(VBFs) and nonvascularized bone grafts (NVBGs).  NVBGs involve the removal of a 

section of bone from a secondary surgical site of the patient, most often the iliac crest, 

and subsequent reimplantation of that section of bone back into the original defect (the 

mandible in this case).  These grafts are referred to as nonvascularized because no local 

blood supply is physically attached to the implant.  In contrast, vascularized bone flaps 

involve a similar procedure except that the bone is transplanted with an accompanying 

blood vessel that is grafted onto a local artery, thereby allowing it to retain vascularity 

even after implantation into the secondary site.  The attached blood supply allows VBFs 

to survive in wound environments where adequate blood supply from the surrounding 
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soft tissue may not be present. VBFs have become the first choice for mandibular 

reconstructions in most developed countries, primarily because comparative studies 

have shown that VBFs result in significantly less failures than NVBGs [243, 244].The 

majority of failures from NVBGS arise from the fact that many times the implant is 

placed into a wound environment that is without adequate blood supply from the 

surrounding soft tissue or may be contaminated from communication with the oral 

cavity.  Without an immediate blood supply to nourish implanted cells and clear 

contaminating organisms as with vascularized flaps, nonvascularized grafts are more 

prone to infection and failure [245, 246]. Despite this fact, when successful, NVBGs 

create a better bone volume and facial contour, leading to improvements in facial 

esthetics and greater success in later insertions of tooth implants compared to VBFs 

[241].  NVBGs also require less operating time, less time to recovery due to donor-site 

complications, and are less technically challenging; which may be important factors if 

limited financial resources are available to the patient or institution [220].  Therefore, in 

patients with a healthy soft tissue envelope, the use of a NVBG may be used with the 

potential with better long-term outcomes and less financial restraint on the patient and 

institution. As the use of a SM is aimed at improving the health of the overlying soft 

tissue, this technology could increase the potential indications for NVBGs.  This would 

be beneficial for patients with regard to cost and outcome, as well as clinicians and 

institutions by lowering the cost and time requirement for mandibular reconstructions. 
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6.6. Conclusion 

Porous PMMA SMs fabricated preoperatively from patient-specific 3D models 

provide many advantages over currently used materials and methods.  Although this 

study was relatively small, the results presented here provide evidence that a larger 

investigation of SMs fabricated by this method is warranted. We conclude that the use 

of SMs in mandibular reconstructions is a viable technique that holds the potential to 

benefit both patients and clinicians alike.  
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Chapter 7 

Degradable, antibiotic releasing 

poly(propylene fumarate)-based constructs for 

craniofacial space maintenance applications5 

7.1. Abstract 

Currently, space maintainers (SMs) used in craniofacial reconstructive surgeries 

function to preserve the void space created upon bone loss and to promote soft tissue 

healing over the defect.  Complications of the most commonly used material, 

polymethymethacrylate (PMMA), include implant exposure; the non-degradable nature 

                                                      
 

5 This chapter has been submitted for publication to the Journal of Biomedical 
Materials Research Part A as: Henslee, A.M., S.R. Shah, M.E. Wong, A.G. Mikos, and F.K. 
Kasper, Degradable, antibiotic releasing poly(propylene fumarate)-based constructs for 
craniofacial space maintenance applications. 
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of the material, forcing the need for a secondary, removal surgery; and the potential 

presence of bacterial contamination at the time of implantation.  To address these 

issues, a novel material composed of poly(propylene fumarate) (PPF) with N-vinyl 

pyrrolidone (NVP) as the crosslinking agent, carboxymethylcellulose (CMC) hydrogel as a 

porogen, and antibiotic loaded poly(lactic-co-glycolic acid) (PLGA) microspheres as 

antibiotic carriers and porogens was fabricated.  CMC was incorporated at 40 wt% to 

impart rapid porosity while PLGA microspheres were incorporated at 30-40 wt% to 

release either clindamycin or colistin.  This in vitro study was designed to examine the 

effects of PPF:NVP ratio, PLGA wt%, and the dose of drug on the mass loss, temporal 

porosity change and drug release kinetics of resulting PPF/CMC/PLGA constructs.  Mass 

loss decreased from constructs containing the 2:3 PPF:NVP ratio from 80.3 ± 1.0 – 85.3 ± 

1.3% to 63.2 ± 0.8 – 79.1 ± 0.4 for constructs containing the 3:2 PPF:NVP ratio, while 

incorporation of 40 vs. 30 wt% PLGA increased the porosity at 8 weeks under 

accelerated degradation conditions.  Also, constructed exhibited sustained release of 

both clindamycin and colistin at concentrations above the minimum inhibitory 

concentration (MIC) for target pathogens for 45 and 77 days, respectively.  This study 

demonstrates that the material composition of PPF/CMC/PLGA constructs can be tuned 

to achieve properties suitable for degradable space maintenance applications in the 

craniofacial area.  
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7.2. Introduction 

Traumatic injuries to the craniofacial complex are devastating injuries for a 

number of patients due to the important functional and aesthetic role of this area [247].  

Military and civilian populations face similar issues with regards to surgical repair of 

craniofacial injuries including significant soft tissue loss and devitalization, fibrosis of the 

wound bed, and infection [208, 222, 248].  In these situations, definitive reconstruction 

of the bony defect is often delayed until the wound bed is sterile and soft tissue 

coverage of the defect is adequate [37, 222].  This delay in reconstruction often poses 

an additional challenge to the surgeon because the overlying soft tissue envelope can 

contract into the defect and scar, leading to significant aesthetic impairment and a 

reduced probability of successful definitive repair.  It is for this reason that the concept 

of space maintenance was developed. 

Space maintenance involves the temporary implantation of an alloplastic 

material that facilitates healing of the soft tissue covering a bony defect while 

maintaining the volume of that defect [249].  The space maintainer (SM) is placed into 

the defect arising from trauma or the removal of a tumor and is designed to hold open 

the space normally occupied by bone, thereby preventing fibrosis of the defect and 

contracture of the wound [222, 224].  Recent research has sought to expand the role of 

space maintainers to include antibiotic release to clear local bacterial contamination 

that may be present at the time of surgery [208].  Infections are a common occurrence 

following trauma, especially when encountered on the battlefield, and even following 
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routine surgeries where communication with the flora of the mouth may occur [250-

252].  Latent infections can severely compromise the ability of a wound to heal 

naturally, while traditional treatment with systemic antibiotics often requires high doses 

with associated side effects [72, 253].  Therefore, an implant capable of local antibiotic 

delivery can potentially reduce the incidence of infection-related complications and 

improve the overall outcomes for these patients.  Another major problem associated 

with current space maintainers is the tendency of the implants to result in wound 

dehiscence, or the formation of an opening of the overlying soft tissue layer [224, 238].  

Once this occurs, the exposed implant is often contaminated by the normal flora of the 

mouth and requires removal to prevent further complications associated with infection.  

However, recent research with craniofacial implants has shown that the introduction of 

porosity can reduce the incidence of dehiscence [37, 232, 233] by providing a stable 

interface with host soft tissue.  Fibrovascular tissue ingrowth into the pores of the 

implant is thought to improve overall wound healing and reduce the likelihood of 

wound dehiscence as encountered with typical solid implants.    

The most widely used material for space maintenance is polymethylmethacrylate 

(PMMA).  An acrylic based resin with over 70 years of use in humans, PMMA is ideal for 

space maintenance applications because it is biologically inert and can easily be molded 

by the surgeon during surgery [233].  Previously, our laboratory has developed porous 

space maintainers fabricated from PMMA and the porogen carboxymethylcellulose 

(CMC) that had improved wound healing over solid PMMA implants in a nonhealing 
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rabbit mandibular defect model [37].  A subsequent study demonstrated sustained local 

delivery of antibiotics via the incorporation of antibiotic-loaded poly(lactic-co-glycolic 

acid) (PLGA) microspheres as antibiotic carriers, and the sustained release of an 

antibiotic from porous space maintainers improved wound healing in an infected rabbit 

mandibular defect model [254].  Despite these encouraging results, PMMA is a non-

degradable material, and thus requires eventual removal and the use of multiple 

invasive surgeries to achieve definitive reconstruction.  The ideal implant, one that can 

function as an early-stage space maintainer and subsequently degrade to facilitate 

natural bone regeneration in the defect, has yet to be developed.  

In developing biomaterials for bone regeneration and controlled drug delivery 

applications, our laboratory has experience with the degradable polyester 

poly(propylene fumarate) (PPF) and the crosslinking agent N-vinyl pyrrolidone 

(NVP)[175, 200, 255].  However, a previous study has shown that the degradation of PPF 

occurs on a relatively long time frame, with only ~17% mass loss occurring at 52 weeks 

in pH 7.4 PBS at 37°C for solid implants [176].  Studies addressing the degradation of PPF 

constructs show that the rate can be tailored by altering the molecular weight of PPF 

[256], the ratio of PPF to NVP [257], the porosity [258], and the environmental 

conditions (i.e. pH reduction) [176]. Using the established timeline of space maintainer 

implantation (2-4 months) [222], significant degradation of the implant material should 

be evident after 2 months.  
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The aim of this in vitro study was to elucidate the effects of the composite 

formulation on the degradation, temporal porosity change, and drug release kinetics of 

PPF/CMC/PLGA constructs.  Two antibiotics were selected for this study to address a 

range of potential pathogens.  Specifically, colistin, a polymixin antibiotic, was chosen to 

address infections associated with the most common pathogen from combat-related 

traumatic injuries, Acinetobacter baumanni [73].  Additionally, clindamycin, a licosamide 

antibiotic, has a broad range of efficacy against both gram-negative and gram-positive 

bacteria species including the extremely common Staphylococcus aureus, and was 

chosen because of its history of use in treating oral infections [253].  It was hypothesized 

that the degradation of PPF and overall porosity of constructs would be increased 

during an accelerated 8 week degradation study by decreasing the ratio of PPF:NVP 

ratio as well as increasing the weight percentage of PLGA microspheres within 

constructs.  Additionally, it was hypothesized that altering the dose of the incorporated 

antibiotic would alter the overall release of drug from constructs.  To test these 

hypotheses, 8 formulations of PPF/CMC/PLGA constructs with each antibiotic were 

fabricated and the antibiotic release kinetics were evaluated over 12 weeks.  

Additionally, the mass loss and temporal porosity change of unloaded constructs were 

evaluated over 8 weeks under accelerated degradation conditions.  
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7.3. Materials and Methods 

7.3.1. Materials 

PPF was synthesized according to established methods [211]. The molecular 

weight was confirmed via gel permeation chromatography (GPC; Waters, Milford, MA) 

using polystyrene standards (Fluka, Switzerland). PPF with a number average molecular 

weight of 1100Da and a polydispersity index of 1.7 was used in this study. Poly(lactic-co-

glycolic acid) (PLGA) with a copolymer ratio of 50:50, a weight average molecular weight 

of  36kDa, and a number average molecular weight of 21kDa was purchased from 

Lakeshore Biomaterials (Birmingham, AL).  Carboxymethylcellulose sodium was 

purchased from Spectrum (Gardena, CA). Clindamycin hydrochloride was purchased 

from Fisher Scientific.  Poly(vinyl alcohol) (PVA) (88% hydrolyzed, nominal molecular 

weight 22 kDa), colistin sulfate, and all other reagents were purchased from Sigma-

Aldrich and used as received. 

7.3.2. PLGA Microsphere Fabrication 

PLGA microspheres containing each antibiotic were fabricated using a water-in-

oil-in-water double emulsion solvent evaporation technique as previously described 

[259].  For colistin, the internal phase consisted of colistin sulfate dissolved in 0.4 wt% 

PVA at a concentration of 325 mg/ml. The oil phase comprised PLGA in methylene 

chloride at a concentration of 50 mg/ml.  The oil phase was added to the internal phase 

at a ratio of 20:1 oil:internal phase (v:v) and homogenized.  The water/oil emulsion was 
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added to the external phase, a solution of 0.4 wt% PVA with 4% NaCl, at a ratio of 10:1 

external phase:oil (v:v). The solvent was allowed to evaporate for 4 h, and the 

microspheres were washed, lyophilized, and stored at 20°C. Blank microspheres for the 

degradation study were fabricated with an internal phase of 0.4 wt% PVA without 

antibiotic.  

For clindamycin loaded PLGA microspheres, the internal water phase consisted 

of clindamycin hydrochloride dissolved in 0.3% PVA at a concentration of 312.5 mg/mL. 

The oil phase consisted of PLGA dissolved in methylene chloride at a concentration of 

222 mg/mL. The internal phase was added to the oil phase at a ratio of 1:5.6 (v:v) and 

emulsified using a probe sonicator. The internal phase/oil phase emulsion was poured 

into a beaker containing 250 mL of outer phase comprising 0.3% PVA and 4% NaCl. The 

solvent was allowed to evaporate over 4 hours, and the resulting microspheres were 

washed, frozen, and lyophilized. Following fabrication, microspheres containing either 

colistin or clindamycin were sieved to less than 300μm before use.  The entrapment of 

either antibiotic was determined as previously described [208]. 

7.3.3. Study Design 

Experiments were based on a two-level full factorial design with three 

parameters: (1) PPF:NVP ratio, (2) PLGA wt %, and (3) drug concentration. High and low 

levels were chosen based on previous experience, and these levels were combined to 

create eight experimental formulations for each antibiotic. The values for all parameters 
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are shown in Table 7-1.  For the in vitro drug release study, all three parameters 

including drug concentration were varied to encompass all 8 formulations.  For the 

accelerated degradation study, only the PPF:NVP ratio and PLGA wt % were varied to 

create 4 formulations similar in composition to the formulations containing HIGH dose 

antibiotic, but with unloaded PLGA microspheres.  

 

 

 

 

Individual constructs for the degradation study had a mass of approximately 500mg.  
Additionally, each construct contained 2 µl of DMT per gram of PPF.  [Note: only one antibiotic 
was incorporated into each formulation at one time]. 

 

Table 7-1. Composition of constructs incorporating PPF/NVP, CMC, and drug-loaded or 
unloaded PLGA microspheres. 
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7.3.4. Composite Fabrication 

Composites were fabricated via an adaptation of a previously described method 

[208] using the weight percentage ratios found in Table 7-1.  Briefly, PPF and NVP in 

either ratio (2:3 or 3:2) were hand mixed in a small beaker with a spatula until a 

homogenous mixture was obtained.  Then, the appropriate amounts of DMT and the 

CMC hydrogel were added to the PPF/NVP mixture and stirred vigorously for 1min.  

Next, pre-weighed PLGA microspheres were added and the mixture was again stirred 

vigorously for 1min.  Lastly, benzoyl peroxide (initiator) dissolved in NVP was added, the 

mixture was stirred vigorously for an additional 30sec, and the resulting material was 

packed in Teflon molds.  The teflon molds were covered with parafilm and placed at 

37°C for 24 hours to facilitate crosslinking of the PPF.  After 24 hours, constructs were 

removed and weighed for mass loss calculations (degradation samples only).  For the 

degradation study, cylindrical constructs 8mm in diameter x 6mm high were used, while 

larger 10mm in diameter x 8mm high cylinders were used for the release study. 

7.3.5. Scanning Electron Microscopy 

SEM was employed to examine the internal morphology of microsphere-

incorporating constructs. The constructs were sawed in half widthwise and the inner 

surface was sputter-coated with 20nm of gold at 100mA using a Denton Desk V Sputter 

System (Denton Vacuum, Moorestown, NJ). Samples were observed under a FEI Quanta 
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400 field emission scanning electron microscope (FEI, Hillsboro, OR) at an accelerating 

voltage of 10kV. 

7.3.6. Microcomputed Tomography 

A SkyScan 1172 microCT imaging system (Aartselaar, Belgium) was used to 

perform nondestructive imaging and quantify the porosity of original and degraded 

constructs. The samples (n=3) were imaged with an X-ray tube voltage of 40 kV and 

current of 250 mA without a filter. Volumetric reconstruction and analysis were 

conducted using the software NRecon and CTAn provided by SkyScan. The images 

obtained from acquisition were first reconstructed to serial coronal-oriented 

tomograms using a 3D cone beam reconstruction algorithm and then segmented into 

binary images using adaptive local thresholding to distinguish polymer material from 

pore space and to eliminate background noise. An optimal threshold value of 60–255 

was applied for all 3D reconstructions and quantitative analyses. Representative 3D 

reconstructions of constructs were generated based on the binarized tomograms to 

visually show the 3D models of microstructures of scaffolds. To quantitatively analyze 

the porosity, a cylindrical volume of interest (VOI) 5.5mm in height and 7.5mm in 

diameter was selected in order to eliminate potential edge effects. The bulk porosity of 

constructs was calculated as:  

 
 

 
 

Equation 7-1. Scaffold porosity. 
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where V is the object volume composed of the polymer and Vtotal VOI is the total volume 

that was selected to encompass the whole scaffold.   

7.3.7. In vitro Degradation and Mass Loss 

Following crosslinking, each sample for degradation was weighed and this value 

was recorded as the initial mass (Mi).  Then, each sample was individually placed in a 

20ml scintillation vial containing a solution of 0.05M, pH 5.0 phosphate citrate saline 

(PCS). The samples were stored on a shaker table (75 rpm) at 37°C for the duration of 

the study. At each time point (day 1 and weeks 2, 4, 6, and 8), 3 samples of each 

formulation were removed from the vials, rinsed with dH2O, and vacuum dried for 48h.  

The dry mass (Md) of each sample was recorded prior to performing microCT analysis.  

Changes in mass and porosity of the constructs were monitored at each time point. 

Analysis of the total mass loss was performed by calculating the percent mass loss (PM) 

in each sample according to the formula: 

 
 

 
 

The degradation of PPF was performed under accelerated conditions in order to 

elucidate differences between the groups in a relatively short time frame as compared 

to other in vitro studies evaluating PPF degradation (52 weeks) [176].  However, the 

Equation 7-2. Mass loss. 
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evaluation of drug release was performed under normal conditions (pH 7.4 PBS at 37°C) 

in order to better simulate in vivo conditions.  

7.3.8. In Vitro Drug Release 

The in vitro drug release study was carried out in triplicate at 37°C in PBS buffer 

(pH 7.4). Each construct was incubated in 5 mL PBS buffer under mild shaking.  At 

predetermined time intervals, the release medium from each sample was completely 

removed and replaced with fresh PBS buffer. The release medium was filtered with a 0.2 

µm filter and tested by High-Performance Liquid Chromatography (HPLC) to determine 

the concentration of clindamycin or colistin. The HPLC system consisted of a Waters 

2695 separation module and a 2996 photodiode array (PDA) detector. The separation 

was performed using an XTerra RP 18 column (250cm x 4.6mm, Waters) at a column 

temperature of 45°C and a flow rate of 0.5mL/min.  As previously described for colistin 

[208], the mobile phase consisted of acetonitrile (HPLC grade with 0.1 vol% 

trifluoroacetic acid) and water (HPLC grade with 0.1 vol% trifluoroacetic acid). Peaks 

were eluted with a linear gradient of 10–65% acetonitrile in water over 35min. 

Absorbance was monitored at λ=214nm. The two main components colistin A and 

colistin B were eluted at approximately 14.9min and 15.7min, respectively. For 

clindamycin, the mobile phase consisted of 25mM KH2PO4 (HPLC grade, pH 3) and 

acetonitrile (HPLC grade).  Peaks were eluted with a linear gradient of 5%–60% 

acetonitrile in dH2O over 20 min, and the absorbance was monitored at λ=204nm.  

Standard solutions for each antibiotic in PBS buffer (pH 7.4) were tested in the range of 
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0.1–1000 µg/mL.  The cumulative release (%) is expressed as the percent of total drug 

released over time.   

7.3.9. Statistics 

For mass loss, porosity, the daily release rates of each drug during each phase, 

and the cumulative releases from each construct, statistical analysis was performed with 

a single-factor analysis of variance (ANOVA) with a 95% confidence interval (p<0.05).  In 

the case of statistically significant differences, Tukey’s HSD post hoc test was conducted.  

Data in all cases is presented as mean with standard deviation. 

7.4. RESULTS 

7.4.1. PPF/CMC/PLGA Construct Fabrication 

Preparation of constructs included first mixing all components in a step-wise 

fashion (as described above) before adding the initiator.  This allowed a homogeneous 

mixture to be formed prior to crosslinking and the subsequent entrapment of PLGA and 

CMC within the solid PPF matrix.  As observed with SEM (Figure 7-1), all constructs 

exhibited a porous structure from day 1 on.  PLGA is clearly visible in all constructs at 

day 1 and week 2 as microspheres coated with a thin matrix of PPF.  After that time, 

with degradation and dissolution of PLGA, microspheres are less visible.   
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Figure 7-1. Scanning electron micrographs of constructs over the 8 week degradation 
study. 
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Scale bars represent 500 µm. 

 

The morphology of constructs was also observed by microCT slices which can be 

seen in Figure 7-2.  For all formulations at all time points (including day 1), macroscopic, 

evenly distributed pores were observed.  As corroborated with observations from mass 

loss and porosity (described below), the extent of the polymer network including both 
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PPF and PLGA constituents, diminished rapidly between weeks 2 and 4.  By week 8, 

constructs remained intact and comprised a thin network of remaining polymer. 

 
 

Figure 7-2. MicroCT images of virtual cross-sections of constructs over the 8 week 
degradation study. 
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7.4.2. Mass Loss 

Values for mass loss as a function of time and formulation are presented in 

Figure 7-3.  Mass loss among all samples continued to increase throughout the entire 8 

week accelerated degradation study.  The rapid dissolution of CMC at day 1 in all 

formulations resulted in a mass loss of between 36.0 ± 1.6-44.5 ± 0.3% for that time 

point (with an initial CMC wt% = 40).   By comparing mass loss between groups at the 

same time point, it was observed that the mass loss was significantly greater for the 2:3-

40%PLGA group than the 3:2-30%PLGA group for all time points after day 1.  

Additionally, for the 2:3-30%PLGA and 2:3-40%PLGA groups at 8 weeks, the percentage 

of mass remaining in samples was 19.4 ± 1.3 and 14.3 ± 2.2, respectively, which was 

significantly less than the mass of PPF originally incorporated into those constructs (30 

and 20 wt%, respectively).  Therefore, by dividing the mass remaining by the original 

mass of PPF, it can be inferred that the PPF at this time point was approximately 29 and 

35% degraded for the 2:3-30%PLGA and 2:3-40%PLGA groups, respectively.  In both the 

3:2-30%PLGA and 3:2-40%PLGA groups, the mass remaining at 8 weeks exceeded the 

original mass of incorporated PPF, and it can therefore be inferred that no significant 

degradation of PPF occurred.   
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Formulations which do not share a letter are significantly different (p<0.05) when compared 
across the same time point.  CMC leaching over the first 24 hours resulted in initial mass loss 
ranging from 36.0 ± 1.6-44.5 ± 0.3% increasing over the 8 week study up to 86.3 ± 3.4% for the 
2:3-40%PLGA group. 

 

7.4.3. Porosity 

Changes in construct porosity as a function of formulation and time are 

presented in Figure 7-4.  As expected, porosity increased over the 8 week study for all 

Figure 7-3. Degradation of constructs characterized by mass loss as a percentage of 
original construct mass over the 8 weeks. 
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formulations at all time points.  At day 1, the dissolution of CMC resulted in construct 

porosities ranging from 15.2 ± 2.7-25.2 ± 3.6%.  Interestingly, a sharp increase in 

porosity for each formulation was observed between weeks 2 and 4, presumably due to 

the degradation and dissolution of PLGA microspheres.  At 8 weeks, both formulations 

containing 40% PLGA had significantly greater porosity than the 3:2-30%PLGA 

formulation.  The 2:3-40%PLGA formulation had significantly greater porosity than the 

3:2-30%PLGA formulation for all time points after day 1.  After 8 weeks, all constructs 

had porosities above 70%. 

 

Formulations which do not share a letter are significantly different (p<0.05) when compared 
across the same time point.  CMC leaching over the first 24 hours resulting in initial porosities 
ranging from 15.2 ± 2.7-25.2 ± 3.6% increasing over the 8 week study up to 85.6 ± 1.1% for the 
2:3-40%PLGA group. 

Figure 7-4. Change in porosity of constructs over the 8 week degradation study. 
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7.4.4. In Vitro Drug Release 

 A 12 week in vitro release study was conducted under normal conditions to 

characterize the release kinetics of both colistin and clindamycin separately.  With 

respect to colistin, when microspheres were loaded into PPF/CMC/PLGA constructs, a 

quadriphasic type release profile was observed (Figure 7-5) with a burst phase (day 0-1), 

primary sustained release phase (day 1-21), a lag phase (day 21-42), and a secondary 

sustained release phase (day 42-59) (Table 7-2). Phases were determined by line of best 

fit analysis.  Additionally, constructs continued to release small amounts of colistin (1.0 ± 

0.1 – 5.2 ± 4.1% for days 59-77) following the secondary sustained release phase.   

When constructs contained the low dose of colistin, the cumulative release percentage 

was significantly higher (p<0.05) for constructs with 40% PLGA vs. 30% PLGA.  However, 

this trend was only significant in the high dose groups with a 2:3 PPF:NVP ratio (and not 

groups containing the 3:2 PPF:NVP ratio).  Notably, daily release remained above 

1µg/ml construct/day for the duration of the study. 

 With respect to clindamycin, a burst release of 18.5 ± 0.9 – 45.4 ±1.0% over 

days 0-1 was observed.   Following burst, an extended, sustained release phase was 

observed for all construct groups (Figure 7-5B).For all groups except those containing 

30%PLGA-LOW, there was a significant reduction in the burst phase of groups 

incorporating a 3:2 PPF:NVP ratio vs. 2:3.  Daily release of clindamycin (Figure 7-6B) 

correlated with the sustained release observed from constructs, and was notably above 

1 µg/ml construct/day out to 45 days.   
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Values which do not share a common letter are significantly different within the same column. 

 

Table 7-2. Release rates during phases of colistin release from constructs. 

Figure 7-5. Cumulative (A) colistin and (B) clindamycin release from PPF/CMC/PLGA 
constructs over 12 weeks. 
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Table 7-3. Release rates during phases of clindamycin release from constructs. 
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Values which do not share a common letter are significantly different within the same column. 

 

Figure 7-6. Daily release of (A) colistin and (B) clindamycin release from 
PPF/CMC/PLGA constructs over 12 weeks. 
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Values below 0.1 µg/ml construct/day are not shown. 
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7.5. Discussion 

The continual development of space maintainers, designed to prevent soft tissue 

contracture into a wound and mitigate contamination, is important to the overall field 

of reconstructive surgery, especially in the craniofacial region.  When immediate 

reconstruction is not indicated, a porous SM can temporarily hold open the space 

normally occupied by bone and provide a surface for interaction with the overlying soft 

tissue layer to reduce the likelihood of implant extrusion.  The introduction of antibiotics 

through a controlled delivery mechanism can address local bacterial contamination that 

may be present at the time of implantation.  Also, by tuning the bulk material 

properties, eventual degradation of an implanted SM eliminates the need for 

subsequent removal and additional surgery as required with the current methodology 

employing non-degradable SMs.  This work focuses on the relationship between 

material composition (PPF:NVP ratio, PLGA wt%, and drug loading) of composite 

PPF/CMC/PLGA constructs and the properties that are most likely to affect the 

performance of these constructs in a patient (temporal changes in porosity, 

degradation, and drug release kinetics).   

Fabrication of the PPF/CMC/PLGA constructs was accomplished via a simple 

hand mixing method as is commonly employed clinically with PMMA-based bone 

cement products.  Mixing of the aqueous CMC hydrogel CMC into the hydrophobic PPF 

matrix caused the CMC to form tiny coalesces, creating a homogeneous network of CMC 

throughout the composite (Figure 7-2).  This method has previously been established 
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with similar constructs composed of PMMA, CMC, and PLGA [254, 260].  As CMC 

dissolves quickly upon immersion into an aqueous environment, there was a rapid 

formation of a porous network, which was observed at day 1 by microCT (Figure 

7-2Error! Reference source not found.) and SEM analysis (Figure 7-1).  This early on-set 

porosity is important when considering the intended application of implantation into a 

bony defect of the craniofacial skeleton.  As previously mentioned, porosity in an 

implant produces macroscale “pockets” for soft tissue ingrowth, thereby improving 

implant retention and decreasing the likelihood of dehiscence [232, 233, 238].  The early 

presence of porosity is important also because it is in the first 7 days after implantation 

that significant invasion of vascularized fibrous tissue is expected [234].   In a previous 

study by Kretlow et al., it was found that 30-40 wt% incorporation of CMC was optimal 

for space maintenance applications with PMMA/CMC constructs .  In that study, porous 

PMMA implants used in a rabbit mandibular model exhibited less dehiscence when 

compared to nonporous implants.  Additionally, a separate study by Nyugen et al. 

utilizing PPF constructs in a similar animal model found that porous PPF resulted in less 

implant exposure (dehiscence) when compared to solid implants . 

In addition to displaying early on-set porosity, constructs in this study were 

designed to degrade and become increasingly porous with time.  Increased porosity 

over time is desirable to (1) facilitate further anchoring of the implant into a defect with 

eventual hard tissue ingrowth and (2) enhance the elution of loaded drugs through open 

pores. MicroCT analysis of constructs over the 8 week degradation study under 

accelerated conditions showed that porosity continued to increase from day 1 to week 8 
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(Figure 7-4Error! Reference source not found.).  With regard to hard tissue ingrowth, 

previous studies have shown that a greater porosity (typically >70%) results in improved 

bone tissue ingrowth in scaffolds [92, 261].  Constructs reached 70% porosity in the 

current study by 6 weeks for all groups except the 3:2-30%PLGA group, which took 8 

weeks.  Additionally, both groups containing 40 wt% PLGA exhibited significantly greater 

porosity at 6 and 8 weeks than the 3:2-30%PLGA group.  Therefore, when considering 

future studies that may involve in vivo implantation of similar constructs, the inclusion 

of a greater wt% of PLGA (i.e., at least 40%) may yield greater bone ingrowth than 

constructs with a lower PLGA wt% incorporation. 

 The use of PPF in a space maintenance application provides many advantages.  

Firstly, the polymer provides an excellent matrix for high amounts of porogen 

incorporation.  Previous studies have utilized porogen leaching [177, 262, 263], high 

internal phase emulsion [117, 264], or stereolithographic fabrication methods [265] to 

create PPF based scaffolds with porosities as high as 90%. The strength following the 

crosslinking of PPF allows the polymer to incorporate large void spaces while retaining 

structural integrity.  In the current study, PPF was able to crosslink and form solid 

constructs even while incorporating up to 80 wt% porogen (40% PLGA and 40% CMC).  

As discussed previously, the rapid on-set and eventual high porosity (>70%) of 

constructs exhibited in this study is essential for bone ingrowth in vivo.  Additionally, 

reducing the amount of PPF implanted also reduces the amount of material that must 

eventually degrade in the body. 
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 The degradation of PPF has been studied extensively [117, 176, 200, 266].  

Studies analyzing solid PPF constructs found the degradation rate to be relatively slow, 

on the order of approximately 17% mass loss after 1 year for solid constructs [176].  

Additionally, studies have shown that a variety of mechanisms can be used to accelerate 

the degradation of PPF, including reducing the PPF to NVP ratio [267], including PLGA as 

a porogen [200], and altering the in vitro degradation conditions [176].  Based on this 

body of previous work, the parameters of PPF:NVP ratio and PLGA wt% were chosen in 

this study to evaluate how these parameters may influence degradation under 

accelerated conditions in vitro. By comparing mass loss between groups at the same 

time point, it was observed that the mass loss was significantly greater for the 2:3-

40%PLGA group than the 3:2-30%PLGA group for all time points after day 1.  

Additionally, for the 2:3-30%PLGA and 2:3-40%PLGA groups at 8 weeks, the percentage 

of mass remaining in samples was 19.4 ± 1.3 and 14.3 ± 2.2, respectively, which was 

significantly less than the mass of PPF originally incorporated into those constructs (30 

and 20 wt%, respectively).  Therefore, by dividing the mass remaining by the original 

mass of PPF, it can be inferred that the PPF at this time point was approximately 29 and 

35% degraded for the 2:3-30%PLGA and 2:3-40%PLGA groups, respectively.  In both the 

3:2-30%PLGA and 3:2-40%PLGA groups, the mass remaining at 8 weeks  did not exceed 

the original mass of incorporated PPF, and it can therefore be inferred that no 

significant degradation of PPF occurred. Even though there was no clear trend regarding 

the effect of PLGA wt% on degradation, increased PLGA wt% did increase the overall 

porosity of scaffolds at later time points, as expected.   Although performed under 
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accelerated conditions, these findings provide significant insight into the relative effects 

that the PPF:NVP ratio and PLGA wt% can have on the degradation of composites 

constructs, with a decrease in the former and an increase in the latter resulting in 

accelerated degradation of the construct as a whole.  Additionally, as it is often difficult 

to correlate in vitro and in vivo rates of degradation, the current study is advantageous 

in the fact that it allows direct comparisons to be made between construct 

formulations.  Therefore, while the overall rate of degradation of all constructs may be 

different in vivo, it can be assumed that the relative degradation rates between groups 

would remain the same. 

 Upon immersion into an aqueous environment, the rapid dissolution of CMC 

and subsequent creation of a porous network allowed fluid penetration and the 

initiation of drug release from constructs.  This resulted in significant burst release from 

all constructs including each antibiotic, followed by a sustained release over the course 

of 45-77 days (Figure 7-5). This is an improvement over current clinically available 

antibiotic releasing PMMA bone cement products, in which burst release is typically on 

the order of 5-10% of the loaded antibiotic over the first 48 hours, followed by 

ineffectually low release over the remaining lifetime of the implant [268, 269]. The 

exhibition of such low cumulative release from solid PMMA is believed to be because 

the drug remains trapped in the interior of the construct with no pathway for release 

[268].  A similar phenomenon has been noted for solid PPF constructs loaded with 

drugs, including a study by Hacker et al., which found that burst release was relatively 

low (5-10% of loaded drug) followed by a slow release over the course of 6 months due 
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to the degradation of PPF [270].  With regard to clinical success of antibiotic delivery, 

there is no clear consensus in the literature regarding the most effective release profile 

for antibiotics.  However, clinical practice administers systemic antibiotics typically for 7-

10 days, with the goal being to reduce the population of bacteria to manageable levels 

for the patient’s immune system to become effective. Regardless, the use of materials in 

this study provided a dual mechanism of controlled release in which the incorporation 

of CMC allowed for burst release and the creation of an initial porous network and the 

incorporation of PLGA microspheres provided sustained release and a further increase 

in porosity.  These mechanisms resulted in constructs in which cumulative releases of 

the incorporated drugs were relatively high when compared to what is typically 

reported for solid constructs (described above).  Also, the data shows no clear trend in 

the effect that dose may have had on the release kinetics for either antibiotic.  

Therefore, future studies evaluating the efficacy of these implants in more robust 

models may opt to use the low dose formulations.    

 Daily release of each antibiotic remained relatively high throughout the study, 

especially when considering the efficacy of each antibiotic against pathogens of interest.  

For colistin, with a reported MIC of 0.5µg/ml against A. baumannii , the daily release 

from constructs far exceeded this concentration for the entirety of the study.  With 

concentrations exceeding 10µg/ml daily release (20x the MIC for A. baumannii) for all 

groups, these constructs have the potential for rapid and effective clearance of 

contaminations associated with A. baumannii.  Similarly, clindamycin has a reported MIC 

of 0.12-0.5µg/ml against Staphylococcus aureus and 0.25-1µg/ml against Pseudomonas 
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aeruginosa [271-273], two of the most common bacteria found in infections associated 

with the oral cavity.  Daily release from clindamycin loaded constructs exceeded these 

values for up to 45 days in the current study. Although these findings are encouraging, 

release conditions such as a large sink (5ml release media) and agitation of the release 

media may have accelerated release making it difficult to draw conclusions between the 

observed in vitro release rates and expected in vivo concentrations.  However, previous 

studies utilizing PMMA/CMC/PLGA constructs to release colistin in a rabbit mandibular 

defect found that constructs were able to clear an inoculated population of bacteria 

[274].  Therefore, even though only a robust in vivo study could prove the efficacy of 

these constructs, the data suggests that these constructs release antibiotics at levels 

that may be sufficient to clear bacteria present at the time of implantation. 

 Incorporation and comparison of two antibiotics in this study was 

advantageous for several reasons.  Firstly, there is a trend in the medical community 

towards the concept of “personalized medicine,” in which patient treatment options are 

made on a case-by-case basis rather than on broad based recommendations [275].  

Relating to the current study, patients with mandibular defects caused by battlefield 

blast injuries may be better suited to receive local delivery of colistin , while patients 

experiencing mandibular defects due to tumor removal may be better suited to receive 

local delivery of a broad spectrum antibiotic such as clindamycin .  In either case, arming 

physicians with a range of treatment options can improve overall patient outcomes.  

Secondly, the use of two antibiotics allows comparisons to be made from their 

respective release profiles.  A previous study performed in our laboratory showed that 
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colistin loaded PLGA microspheres fabricated using the same method as described in 

this work exhibited a 3 phase release with a burst phase (day 0-2), a lag phase (day 2-30) 

and a sustained release phase lasting for approximately 40 days (day 30-70).  The later 

sustained release phase was presumably due to the degradation of PLGA microspheres 

and release of the entrapped colistin [208, 276, 277].  A similar release profile was 

observed in this study (Figure 7-5). However, the release of clindamycin from loaded 

PLGA microspheres showed much less burst release and an immediate sustained release 

with no observed lag phase for approximately 3 weeks.  Notable differences in the 

release rates of different drugs from the same carrier have been reported in the past 

[270].  This phenomenon is presumed to occur because of interaction effects between 

the drugs and the loaded polymer.  For example, there may be an interaction between 

colistin and the PLGA or PPF carrier, owing to its extended release (out to 77 days) when 

compared to clindamycin loaded constructs (out to 45 days). In any case, the interaction 

between carrier and drug release is an interesting and complex phenomenon and, 

although beyond the scope of the current study, should be further investigated in future 

studies to gain insight into the most effective methods for drug delivery. 

7.6. Conclusion 

In this study, antibiotic releasing PPF/CMC/PLGA constructs were developed as 

degradable space maintainers capable of sustained release of colistin and clindamycin.  

Overall, a reduced PPF:NVP ratio and increased weight percentage of PLGA exhibited 
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properties ideal for craniofacial space maintenance including accelerated degradation 

and greater porosity.  Constructs also released antibiotics over an extended time period 

(45-77 days), with daily release of both colistin and clindamycin above the reported MIC 

against susceptible species of common pathogens.  The degradation, porosity change 

over time, and drug release kinetics of PPF/CMC/PLGA constructs were found to be 

tunable by the material composition.  When considering the potential of the constructs 

tested in this study to degrade, clear bacterial contamination, and foster bone ingrowth; 

they may provide significant advantages over current clinically available products for 

craniofacial space maintenance applications.   
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Chapter 8 

Conclusions 

The goals of this work were to investigate the use of biomaterial-based 

constructs for bone tissue engineering applications.  In specific aim 1, composite PPF-

based scaffolds comprised of a solid intramedullary rod surrounded by a porous sleeve 

and delivering rhBMP-2 were investigated for mechanical stabilization and bone 

regeneration in a rat segmental femoral defect.  Overall, results showed that while the 

presence of the porous sleeve imparted significant mechanical reinforcement to the 

area, its prolonged presence within the defect may have acted as a physical barrier and 

hindered overall formation.  Thus, these results had a significant influence on the design 

of subsequent investigations.  

In specific aim 2, through a collaborative effort with clinicians, it was identified 

that PPF-based materials applied using a dual syringe system may have a clinical impact 
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in mandibular fracture repair applications.  Therefore, parameters of PPF formulations 

including the PPF to crosslinking agent ratio, accelerator concentration, and crosslinking 

time were investigated to determine their effects on the characteristics of resulting 

constructs related to the setting, mechanical, and network properties.  Additionally, 

several formulations confirmed the ability of this system to mechanically stabilize 

mandibular fractures using a rabbit ex vivo model.  Overall, the flexibility of PPF-based 

materials was demonstrated and the properties obtained were found to be suitable for 

mandibular fracture fixation. 

In specific aim 3, the objective of the study was to develop a two-phase system 

based on PPF analogous to clinically available PMMA bone cement.  Overall, the 

parameters of formulations incorporating crosslinked PPF microparticles to a liquid PPF 

matrix such as the particle weight percentage, particle size, and accelerator 

concentration were able to significantly influence the properties of resulting crosslinked 

composites.  Properties of interest including mechanical strength, maximum setting 

temperature, setting time, and injectability were found to be suitable for craniofacial 

repair applications.  

With further consideration given to clinical relevancy, specific aim 4 sought to 

characterize and describe the procedures used to fabricate porous PMMA implants 

made via 3D modeling for clinical use as craniofacial space maintainers.  Overall, the 

methods used were found to reproducibly produce porous space maintainers that 

demonstrated success in a clinical setting.   
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Lastly, combining the knowledge from the previous studies, specific aim 5 

investigated the use of PPF/CMC/PLGA constructs as degradable space maintainers 

capable of local antibiotic delivery.  Material composition parameters including the ratio 

of PPF to crosslinking agent, PLGA weight incorporation, and antibiotic dose were found 

to significantly affect the properties of resulting constructs including degradation, 

porosity change over time, and drug release kinetics.  Overall, considering the potential 

of the material formulations developed in this study degrade, clear bacterial 

contamination, and foster bone ingrowth; they may provide significant advantages over 

currently used materials for craniofacial space maintenance applications.  

Overall, the work presented here provides compelling evidence that PPF-based 

materials hold the potential for clinical use in a variety of applications.  With this in 

mind, more clinically focused studies, such as large animal models, are need in future 

investigations to further demonstrate the potential for translation of the materials 

presented here. 
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