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ABSTRACT 
 
 
 

A STUDY ON THE PERMEABILITY AND MECHANICAL CHARACTERISTICS OF 

CERAMIC SCAFFOLD FOR BONE REGENERATION 

 
 
 

Large segmental bone defects require scaffolds that provide mechanical stability while enabling 

bone regeneration. Calcium phosphate ceramics are highly osteoconductive, yet their strength 

decreases at the high porosities necessary to achieve similar permeability as trabecular bone, since 

the scaffolds implanted in load bearing defects must simultaneously resist physiological forces and 

maintain the transport environment required for vascular infiltration and osteogenesis. Triply 

periodic minimal surface (TPMS) geometries offer advantageous combination of properties: 

continuous smooth curvature eliminates sharp nodal junction which act as stress concentration in 

conventional struct-lattice architectures, distributing load more uniformly across scaffold walls and 

improving specific strength at high porosity while simultaneously fully interconnected porosity 

preserves the transport environment needed, making them strong candidates for improving this 

strength and transport trade-off. 

To meet the mechanical and biological requirements of load bearing bone defect repair, synthetic 

scaffolds have been produced from a wide range of materials, including metals like titanium, 

ceramics such as calcium phosphate based materials, and composites such as bioglass and polymeric 

blends. Among these calcium phosphate based materials especially hydroxyapatite (HAp) and 

tricalcium phosphate (TCP) have emerged as preferred choices for bone tissue engineering due to 

their biocompatibility and high levels of bioactivity including osteoconductivity, osteoinductivity, 

and osseointegration, compositional similarity to human bone mineral. 

While 3D printing of ceramics has shown considerable potential, fabrication and design 

methodologies remain limited in their ability to produce large-sized scaffolds suitable for load 
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bearing applications. Hydroxyapatite was therefore selected in the present work as the scaffold 

material, building directly on prior work in our laboratory that established the compressive 

mechanical properties of HAp constructs; the present study extends that foundation by 

incorporating permeability characterization, which had not previously been quantified for these 

architectures. 

The scaffold geometries selected to be studied are Fischer–Koch S (FKS) and Gyroid architectures, 

which are TPMS structures. Gyroid is the most extensively characterized TPMS topology in the 

literature and serves as the benchmark geometry against which alternatives are evaluated. The FKS 

surface, while less studied, presents a distinct channel morphology and pore connectivity pattern 

that may confer different mechanical and transport behavior at equivalent porosity. Direct 

experimental comparison between these two topologies under matched fabrication and testing 

conditions is therefore necessary to determine whether the FKS architecture offers a meaningful 

advantage. 

HAp scaffolds with FKS and Gyroid architectures were fabricated and experimentally characterized 

for permeability. Permeability was selected as the primary transport metric because it governs 

interstitial fluid flow, nutrient and oxygen delivery, and the mechanotransductive signals that drive 

osteogenic differentiation and vascular infiltration; all prerequisites for successful regeneration in 

a large defect. Both designs exhibited permeabilities on the order of 10−9 m2, consistent with 

trabecular bone. FKS scaffolds demonstrated significantly greater compressive strength and energy 

absorption than Gyroid scaffolds despite comparable elastic moduli, indicating that architectural 

topology influences load redistribution and failure behavior beyond bulk elastic properties alone. 

Mechanical performance under clinical fixation was then investigated. Cadaveric studies have 

shown that fixation hardware transfers substantial load around defect sites, reducing mechanical 

demand on the scaffold. Quantifying the full multiaxial strain state within a scaffold under clinically 

representative fixation conditions was therefore necessary to determine whether internal 

deformations remain within the mechanobiological window compatible with osteogenesis, and to 

identify whether supplementary mechanical support could reduce the transverse strain components 
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most likely to drive ceramic failure. To address this, a polycaprolactone (PCL) endoprosthetic 

sleeve was designed as an external mechanical support strategy. PCL was selected for its 

biocompatibility, biodegradability, and low temperature processability, which together make it 

suitable for patient specific fabrication via melt extrusion. Critically, positioning the reinforcing 

element externally as a sleeve around the scaffold perimeter rather than as an infiltrant within the 

scaffold matrix was intended to provide mechanical support without occluding the scaffold’s pore 

network or masking its osteoconductive surface, thereby preserving the biological function of the 

ceramic architecture. Strain distribution was therefore measured in Gyroid scaffold constructs under 

compressive loading, with and without a PCL endoprosthetic sleeve, using rosette strain gauges in 

an ovine metatarsal critical defect model. Axial compressive strain remained within the osteogenic 

range in both conditions. Incorporation of the sleeve significantly reduced transverse strain to 

approximately 0.3%, representing a reduction of approximately 30% relative to the unsleeved 

condition, redistributing load around the scaffold perimeter and suppressing localized wall bending 

without attenuating the axial compressive stimulus. These findings suggest that the external sleeve 

strategy may decouple structural reinforcement from scaffold bioactivity as our results show that 

mechanical modulation of the strain environment appears to be achievable independently of 

scaffold composition, though direct confirmation of preserved bioactivity would require cell based 

or in vivo validation. 

Finite element modeling was implemented to identify and quantify internal stress distributions 

within the scaffold–bone–sleeve construct that are physically inaccessible to surface mounted strain 

gauges. Computational analysis confirmed experimental strain trends and established a parametric 

framework for optimizing sleeve geometry to further influence the distribution of both axial and 

transverse strain components. This framework provides a basis for optimizing sleeve design 

to maintain transverse strain below the threshold associated with fibrous tissue formation while 

preserving axial compressive strain within the range shown to promote and preserve osteogenic 

axial stimulus. 

Collectively, this work demonstrates that TPMS topology governs strength and permeability 
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balance, that external constraint can strategically modulate the in vivo strain environment, and that 

computational modeling enables rational optimization of coupled mechanical and transport 

phenomena for safe clinical translation of high porosity ceramic scaffolds in critical defects. 
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Chapter 1 Introduction 

1.1 Clinical Challenge of Load-Bearing Critical-Sized Bone Defects 

Large segmental defects of load-bearing long bones remain among the most complex 

reconstructive problems in orthopedic surgery. These injuries arise in the context of tumor 

resection, high-energy trauma, infection, and revision procedures, and they frequently exceed the 

intrinsic regenerative capacity of bone. A defect is considered critical sized when spontaneous healing 

cannot be expected to occur during the lifetime of the host without surgical intervention [1, 2]. 

Successful reconstruction must therefore achieve two simultaneous objectives: immediate 

structural stability sufficient to permit weight bearing, and a biological environment conducive to 

long-term osseous regeneration. 

Current treatment strategies include autografts, allografts, vascularized bone transfer, distraction 

osteogenesis, and metallic endoprostheses, each carrying distinct limitations. Autografts, bone 

harvested from a secondary surgical site within the same patient, are considered the gold standard 

for managing bone defects owing to their unique combination of osteoconductivity, osteoinductive 

growth factors, and viable osteogenic cells, properties that no synthetic substitute can fully replicate. 

However, autografts harvest introduces donor site morbidity, including chronic pain, sensory 

disturbance, and risk of fracture, and the harvestable volume is fundamentally limited, making 

autograft impractical for reconstruction of large segmental defects constraining their clinical 

applicability [3]. Allografts are bone sourced from cadaveric donors and processed offering an 

alternative that avoid donor site morbidity and supply constraints. They are widely used in revision 

surgery and tumor reconstruction where defect size exceeds what autograft can fill [4]. However, 

allograft processing, which typically involves demineralization, freeze-drying, or irradiation to 

reduce immunogenicity and disease transmission risk, substantially diminishes osteoinductive 

potential and mechanical integrity. Structural allografts consequently carry elevated risks of 

fracture, nonunion, and immune mediated failure, and their long-term incorporation into host bone 
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is inconsistent [4]. Xenografts, a bone derived materials sourced from non-human species, most 

commonly bovine represent a third class of biological graft material. Deproteinized bovine bone 

mineral (DBBM) and acellular bone matrix (ABM) products derived from bovine cortical and 

cancellous bone have been extensively characterized, are FDA approved, and are commercially 

available in numerous forms including granules, blocks, and putties [28, 29]. Their highly 

osteoconductive mineral phase supports cell attachment and new bone deposition, and their 

established safety and regulatory status have led to widespread clinical adoption in craniofacial, 

periodontal, and orthopedic applications[28]. Despite these advantages, commercially available 

xenograft products are supplied as passive void fillers rather than architecturally engineered 

constructs. They lack the geometric precision, interconnected porosity, and mechanical 

predictability necessary for load-bearing long-bone reconstruction, and their degradation behavior 

and mechanical properties cannot be systematically tuned to match defect specific requirements. 

It is precisely this limitation that creates a gap between the excellent biological properties of ABM-

derived mineral and the architectural and mechanical inadequacy of its current clinical forms , that 

motivates the engineering of patient-specific TPMS scaffolds fabricated from deproteinized bone 

mineral. Metallic endoprostheses restore immediate mechanical function but are biologically inert 

structures that do not remodel with the host skeleton and may generate pathological stress shielding 

that compromises long-term implant survival [5]. None of these strategies reliably restores 

functional bone in large defects while avoiding the complications inherent to each approach. 

Bone tissue engineering (BTE) has emerged as an alternative paradigm, aiming to regenerate 

functional bone within large defects using biomaterial scaffolds designed to guide cellular infiltration, 

vascularization, and osteogenesis [6,7]. However, large segmental defects in load-bearing long 

bones impose an additional and competing set of demands: the scaffold must simultaneously 

withstand the cyclic physiologic forces transmitted through the limb during the healing period, 

before sufficient bone ingrowth has occurred to share the mechanical burden. This coupling of 

structural and biological requirements where increasing porosity to support regeneration directly 

reduces the mechanical integrity needed to survive loading is the central and unresolved design 
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challenge for load-bearing BTE scaffolds. The following sections outline these requirements and 

identify the gaps in understanding that motivate the present work. 

1.2 Mechanical Requirements of Bone Tissue Engineering Scaffolds 

Scaffolds intended for critical-sized defects in load-bearing bones must simultaneously satisfy a 

set of design constraints that are, in several respects, mutually antagonistic. They must provide 

sufficient mechanical integrity to sustain physiologic loading without failure, while also exhibiting 

the high porosity and pore interconnectivity necessary to permit vascular ingrowth, cellular 

migration, and nutrient transport. They must provide surface bioactivity to support osteoconduction, 

osteoinduction and osseointegration, properties that are intrinsic to calcium phosphate ceramics 

and represent their primary biological advantage over metallic and polymeric alternatives[19]. 

They must degrade at a rate compatible with the progression of bone regeneration, ensuring that 

mechanical load is progressively transferred to the newly formed bone. 

The central tension in scaffold design is the inverse relationship between porosity and structural 

strength. Increasing porosity enhances biological performance by providing greater surface area for 

cell attachment and more permissive channels for tissue infiltration, but it reduces the solid material 

available to bear load. Increasing density recovers structural capacity but limits cellular migration 

and vascularization, ultimately impairing regeneration. Achieving an optimal balance between these 

competing requirements remains a central and unresolved challenge in scaffold engineering. 

Of critical importance to load-bearing scaffold design is the recognition that neither structural 

integrity nor biological function alone defines success but it is the simultaneous achievement of 

both that determines whether a scaffold performs as intended in vivo. Bone regeneration is highly 

sensitive to the local mechanical environment, including strain magnitude, stress distribution, and 

fluid shear stress acting on resident and infiltrating cells [8,9,10]. A scaffold that is structurally 

adequate at the macroscale may nonetheless fail biologically if its internal architecture 

generates a mechanical microenvironment incompatible with osteogenesis. Scaffold architecture 

must therefore be evaluated not only for structural robustness but also for its capacity to establish 
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the mechanobiological conditions necessary for successful regeneration. 

 

1.3 Mechanical Regulation of Bone Regeneration 

Bone is a mechanosensitive tissue whose regenerative response is profoundly shaped by local 

mechanical stimuli. Foundational mechanoregulation models proposed that tissue differentiation at 

a healing site is governed by the combined effects established quantitative frameworks for predicting 

tissue differentiation outcomes based on the local mechanical environment at a healing site. Carter 

and colleagues proposed that the combination of cyclic stress history and hydrostatic stress governs 

the tissue phenotype that emerges during repair, with compressive hydrostatic stress and low 

deviatoric strain favoring direct bone formation, and tensile or high shear strain environments 

promoting fibrous tissue instead [8]. Claes and Heigele subsequently refined this framework by 

defining specific strain magnitude thresholds along the periosteal surface of healing fractures: 

interfragmentary strains below approximately 5% in combination with moderate compressive 

hydrostatic stress were associated with intramembranous ossification i.e. the direct deposition of 

woven bone without a cartilaginous intermediate; while strains in the range of 5–15% combined 

with hydrostatic compression promoted endochondral ossification, in which a cartilage template is 

first formed and subsequently mineralized [9]. Strains exceeding approximately 15%, particularly 

when accompanied by tensile or shear loading, were associated with fibrous connective tissue 

formation and impaired union [9]. This strain-dependent bifurcation of the ossification pathway has 

direct implications for scaffold design: a mechanical environment that maintains interfragmentary 

or intrascaffold strain below 5% under physiologic loading is necessary to bias tissue differentiation 

toward the intramembranous pathway and achieve the rapid, direct bone formation that is most 

desirable in a load-bearing critical defect. 

Subsequent biophysical frameworks further refined this understanding by incorporating the role of 

interstitial fluid flow alongside solid-phase deformation. Prendergast and colleagues proposed that 

mechanobiological outcomes at the cell scale are governed by the coupled influence of shear strain 

in the solid matrix and fluid velocity in the pore space, with distinct combinations of these stimuli 
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predicting bone, cartilage, or fibrous tissue differentiation [10]. This fluid-solid coupling is 

particularly relevant for highly porous scaffolds, where the interconnected pore network sustains 

significant interstitial flow under dynamic loading and where fluid shear stress acting on adherent 

cells may amplify or modify the solid-phase strain stimulus. These models have been corroborated 

by experimental work demonstrating that strain magnitudes in the range of approximately 100–

3,000µε promote osteogenic differentiation in bone cells and are associated with adaptive bone 

formation in intact cortical bone [11, 13], while strain magnitudes below approximately 100µε fall 

below the threshold for mechanotransductive activation and may result in disuse mediated 

resorption [13]. Strain magnitudes exceeding approximately 10,000–15,000µε are associated with 

microdamage accumulation and pathological remodeling [13]. The osteogenic window, roughly 100–

3,000µε under cyclic physiologic loading, therefore represents the target mechanical environment 

that scaffold design and external modulation strategies in the present work aim to achieve and 

preserve. 

In vivo strain measurements in intact long bones during normal ambulation indicate that physiologic 

axial strains are maintained within a relatively narrow window [13, 14]. Successful defect repair 

requires that the mechanical environment within the regenerating tissue remains within this 

osteogenic range throughout the healing period. Excessive interfragmentary strain magnitudes 

exceeding approximately 15% impair direct bone formation and redirect tissue differentiation 

toward fibrocartilage or fibrous tissue, consistent with the strain-dependent ossification thresholds 

described above [9]. Conversely, strain magnitudes falling below the mechanotransductive activation 

threshold of approximately 100µε, may occur under prolonged mechanical unloading or aggressive 

stress shielding by fixation hardware which removes the cyclic stimulus necessary to sustain 

osteoblast activity and guide progressive bone deposition, potentially resulting in disuse-mediated 

resorption rather than regeneration [13]. 

For scaffolds implanted within large segmental defects, the internal strain environment is 

determined by the interaction of multiple factors: the architectural geometry of the scaffold, the 

elastic properties of the constituent material, the design of the fixation construct, and the load-
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sharing behavior between the implant and the host bone. Despite extensive efforts to develop new 

scaffold architectures and materials, the internal strain state within porous ceramic scaffolds under 

clinically relevant fixation conditions remains insufficiently characterized. This gap between bulk 

mechanical testing and in situ deformation behavior represents a significant obstacle to rational 

scaffold optimization. 

 

1.4 Influence of Fixation Constructs on Defect Mechanics 

In clinical practice, large, long-bone defects are stabilized using locking compression plates or 

intramedullary fixation devices that bridge the defect and restore structural continuity. These 

constructs fundamentally alter the mechanical environment experienced by the scaffold [9, 12]. 

Mechanical forces are not transmitted directly through the scaffold in isolation; instead, they are 

distributed through the host bone and fixation hardware before reaching the defect region.[33, 34] 

The scaffold therefore exists within a mechanically complex system in which the magnitude, 

direction, and distribution of forces acting on it are substantially modified by the fixation construct. 

Experimental investigations of plated segmental defect models have demonstrated that metallic 

fixation hardware assumes a substantial proportion of the applied load, shielding the defect region 

from direct mechanical loading. Stoffel et al. reported that locking compression plate constructs 

carry approximately 70–90% of the applied axial force depending on plate stiffness and working 

length, meaning the scaffold within the defect gap experiences a substantially reduced and 

mechanically altered load relative to the externally applied force[15]. This load partitioning has 

important implications for scaffold design that are not captured by conventional axial compression 

testing. We hypothesize that when fixation hardware dominates load transfer, bulk compressive 

strength may not be the primary determinant of scaffold survival or biological performance. 

Rather, we propose that the local strain distribution within the scaffold including the transverse 

deformations and bending modes that arise from the complex loading transmitted through the 

construct, becomes the more clinically relevant parameter. Scaffold failure under these conditions 
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may be governed by localized bending or transverse tensile strain rather than axial compressive 

overload. Understanding how physiologic loading is transferred through plated constructs into 

porous scaffolds is therefore essential for rational scaffold design is one primary contribution of 

the present work. 

1.5 Architectural Control Using Triply Periodic Minimal Surfaces 

Advances in additive manufacturing have enabled the precise fabrication of complex porous 

architectures from ceramic materials, including triply periodic minimal surface (TPMS) geometries 

[11, 16, 32 ]. TPMS structures are defined by mathematically continuous surfaces with zero mean 

curvature at every point, producing fully interconnected pore networks with smooth, continuous 

solid walls [16, 17]. These geometric properties address several limitations of conventional stochastic 

or rectilinear porous architectures. The smooth internal surfaces of TPMS scaffolds reduce local 

stress concentrations relative to sharp-edged lattice geometries, while the fully interconnected 

porosity ensures unobstructed pathways for vascular and cellular infiltration throughout the 

scaffold volume. The surface area-to-volume ratio and nominal porosity of TPMS structures can 

be tuned systematically by adjusting the unit cell scale and surface, enabling controlled variation 

of architectural parameters independently of material composition. 

Among available TPMS topologies, Gyroid structures have been the most extensively studied in bone 

tissue engineering. However, other TPMS geometries including the Fischer–Koch S (FKS), 

Schwarz P, and Diamond surfaces exhibit distinct mechanical behaviors arising from differences in 

their surface topology and internal load path geometry [18]. Finite element homogenization analyses 

have demonstrated that TPMS scaffolds possess cubic elastic symmetry with anisotropic elastic 

constants that are sensitive to porosity, and that these anisotropic properties differ systematically 

across topologies [18]. This topology dependent anisotropy may have direct implications for how 

strain is distributed within a scaffold subjected to the multiaxial loading conditions that prevail 

under clinical fixation. 

Despite growing interest in TPMS scaffolds, comparative evaluation of alternative TPMS 
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topologies under clinically relevant mechanical conditions remains limited. Most studies have been 

conducted computationally or analytically. Most comparative studies have characterized mechanical 

properties under idealized uniaxial compression, without considering how architectural differences 

influence strain redistribution when fixation hardware modulates the applied loading. Understanding 

whether topology selection influences the strain microenvironment within a plate-stabilized defect 

is necessary to guide rational scaffold design for load-bearing applications. 

 

1.6 Limitations of Internal Reinforcement Strategies 

Hydroxyapatite and other calcium phosphate ceramics are well established scaffold materials 

owing to their compositional similarity to native bone mineral and their strong osteoconductive 

properties, which promote direct attachment and migration of osteogenic cells along ceramic 

surfaces [19]. However, these materials are inherently brittle and susceptible to fracture when 

subjected to bending or transverse tensile loading, failure modes that are particularly relevant under 

the complex strain conditions generated within a fixation construct. 

Conventional strategies to improve ceramic scaffold toughness involve composite reinforcement 

through polymer infiltration or fiber incorporation. While these approaches can enhance fracture 

resistance, they introduce significant trade-offs. Polymer infiltration reduces both the surface area 

available for osteogenic cell attachment and pore interconnectivity which alter the degradation 

kinetics of both the ceramic and polymer phases. Fiber reinforcement can compromise the 

homogeneity of the pore network and introduce heterogeneous material interfaces that may 

generate stress concentrations or provoke adverse biological responses. These trade-offs raise 

legitimate concerns about whether internal composite reinforcement can be achieved without 

compromising the osteoconductive surface chemistry and pore architecture that motivate the use of 

calcium phosphate ceramics in the first place. 

An alternative approach is external mechanical modulation: modifying the strain environment 

experienced by the scaffold through an external constraint, rather than altering its composition. If a 

compliant external element such as a polymer sleeve placed around the scaffold perimeter could 
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selectively reduce the transverse deformations that predispose ceramic scaffolds to brittle fracture, 

it might be possible to improve mechanical compatibility without compromising scaffold porosity, 

surface bioactivity, or degradation behavior. This hypothesis motivates the endoprosthetic sleeve 

design explored in the present work. 

 

1.7 Need for Experimental Strain Quantification 

Although computational studies have modeled stress distributions and fluid flow within idealized 

porous scaffold geometries [20], experimental measurement of scaffold strain within the clinically 

representative construct configuration of a porous scaffold seated within a segmental long-bone 

defect stabilized by a locking compression plate and subjected to physiologic compressive loading 

remains sparse. Most of the scaffold mechanical characterization relies on bulk uniaxial compression 

testing conducted in isolation from the fixation hardware and host bone that would be present in 

clinical use [35, 36]. This approach may significantly misrepresent the strain state experienced by a 

scaffold in vivo, where load sharing by the fixation construct reduces axial demand while potentially 

amplifying transverse and bending deformations. 

Direct quantification of both axial and transverse strain under physiologically representative 

loading conditions is necessary to determine whether internal strain falls within osteogenic 

thresholds, to identify the deformation modes most likely to govern scaffold mechanical failure, 

and to establish whether architectural differences between TPMS topologies produce measurable 

differences in strain transfer. Such data also provides the empirical basis required to calibrate and 

validate computational models, without which finite element predictions remain insufficiently 

grounded in experimental reality. The absence of this experimental foundation has constrained 

scaffold optimization to bulk property comparisons that may not reflect clinically relevant 

performance, which is addressed in with this work. 

 

1.8 Role of Finite Element Modeling in Scaffold Optimization 

Finite element analysis provides a powerful complement to experimental investigation by enabling 
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prediction of internal stress and strain fields that are inaccessible to direct measurement in porous 

scaffold geometries. Microstructural modeling approaches can resolve how scaffold architecture, 

material stiffness, and boundary conditions interact to govern local deformation and flow 

behavior, and they enable parametric evaluation of design modifications that would be impractical 

to implement experimentally at scale [20]. These capabilities are particularly valuable for 

evaluating sleeve geometry variations, where the design space is large and the interactions between 

sleeve stiffness, contact mechanics, and scaffold strain redistribution are complex. 

However, the predictive value of finite element models depends critically on their validation 

against experimental data. A computational model that reproduces experimentally measured strain 

distributions under known loading conditions can be used with confidence to explore conditions 

that are difficult to instrument directly, such as internal stress gradients within scaffold strut walls or 

strain concentrations at the scaffold-bone interface that surface mounted gauges cannot resolve. 

The integration of experimental strain measurements with finite element modeling in this work is 

underpinned by a constitutive mapping framework that relates measurements made on PLA 

polymer scaffolds to the expected mechanical response of equivalent ceramic constructs. This 

mapping is justified on two theoretical grounds. First, both PLA and the ovine bone mineral ceramic 

behave as linearly elastic solids within the applied strain range of less than 2% nominal deformation, 

meaning that stress and strain are related through fixed stiffness and compliance matrices that can 

be determined experimentally and applied as linear transformations[37]. Second, the Gyroid 

architecture imposes effective cubic elastic symmetry at the macroscopic scale regardless of the 

intrinsic anisotropy of the printed polymer, because the threefold rotational symmetry of the TPMS 

unit cell constrains the homogenized elastic response to follow cubic symmetry relationships with 

only three independent elastic constants[38]. This architectural isotropy means that the scaffold's 

effective mechanical behavior is governed by its topology rather than the printing direction of the 

constituent material, justifying the use of isotropic stiffness and compliance matrices in the 

constitutive transformation and supporting the validity of mapping experimentally measured PLA 

strain states to ceramic-equivalent values under identical external loading conditions. 
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The experimental strain measurements reported in this dissertation therefore serve a dual purpose, they 

directly characterize the mechanical environment within the scaffold-bone construct under 

physiologic loading, and they provide the empirical validation dataset against which finite element 

predictions are compared. It also establishes ground truth, models extend predictions beyond what 

experiments can measure, and iterative comparison between the two supports progressive refinement 

of both the model and the scaffold design. This combined approach is the methodological foundation 

of the present dissertation. 

 

1.9 Central Hypothesis 

The central hypothesis of this dissertation is that, in load-bearing critical sized long-bone defects 

stabilized with locking plate constructs, the mechanical survival and osteogenic potential of a 

porous ceramic scaffold are is governed primarily by the internal strain environment rather than 

bulk compressive strength, and that external mechanical modulation through a compliant 

endoprosthetic sleeve can reduce deleterious transverse strain while preserving the physiologic axial 

compressive loading necessary to support osteogenesis. This reframing shifts the design objective 

from maximizing scaffold strength in isolation to engineering the strain microenvironment that the 

scaffold presents to regenerating tissue under clinically realistic loading conditions. 

 

1.10 Specific Aims 

To test this hypothesis, the following specific aims were established: 

Aim 1. Evaluate and compare the permeability and mechanical performance of two TPMS 

scaffold architectures, Gyroid and Fischer–Koch S, fabricated at equivalent nominal porosity, and 

quantify the magnitude of topology dependent differences in Darcian permeability, compressive 

strength, elastic modulus, and failure behavior. The goal was to determine whether architectural 

topology produces measurable and clinically meaningful differences in the balance between fluid 

transport and structural performance, assessed against the permeability and mechanical property 

ranges reported for native cancellous bone. 
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Aim 2. Experimentally quantify both axial and transverse principal strain within porous ceramic 

scaffolds under physiologic compressive loading in a plate-stabilized ovine metatarsal segmental 

defect model, establishing the multiaxial mechanical environment experienced by the scaffold under 

clinically representative fixation and loading conditions. 

Aim 3. Design and fabricate a polycaprolactone endoprosthetic sleeve, a low stiffness external 

enclosure positioned around the scaffold perimeter and assess its capacity to selectively reduce 

transverse strain within the scaffold without altering scaffold composition, porosity, or surface 

chemistry, and without attenuating the axial compressive strain necessary for osteogenesis. 

Aim 4. Construct and experimentally validate finite element models capable of predicting the strain 

distribution within scaffold–bone–sleeve constructs and use the validated models to establish a 

parametric computational framework for evaluating the influence of sleeve geometry on internal 

strain redistribution.  
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Chapter 2  

Comparing Fischer–Koch S and Gyroid 

Hydroxyapatite Scaffolds: Experimental Evaluation 

of Darcian Permeability 

2.1 Introduction 

Successful regeneration of critically sized bone defects requires the restoration of biological mass 

transport within the defect site. The permeability of a porous scaffold governs the movement of 

interstitial fluid through the pore network, and thereby mediates the nutrient and oxygen delivery, 

metabolic waste removal, and the generation of fluid shear stresses that drive mechanotransductive 

signaling at the cell surface mechanotransductive signaling [10]. These transport mechanisms 

directly influence osteogenic differentiation, angiogenesis, and vascular infiltration essential 

prerequisites for long-term integration of engineered constructs [1, 2]. 

At the macroscale, fluid movement through a porous scaffold is characterized by Darcy's law, 

which relates the superficial velocity of a viscous fluid to the pressure gradient across the medium 

through a material constant known as the Darcian permeability. The validity of this linear 

relationship is contingent upon laminar, creeping flow conditions, typically quantified by a Reynolds 

number below one (Re <1). At this regime, viscous forces dominate and inertial contributions to 

flow resistance are negligible [2, 3]. At higher flow rates, even within geometrically regular pore 

networks, inertial effects become non-trivial, and the linear Darcy relationship underestimates total 

flow resistance. Under these conditions, the Forchheimer extension of Darcy's law is employed, 

which introduces a quadratic velocity term to account for the additional pressure losses attributable 

to inertial momentum changes within the pore space [3, 4]: 

∆P/L = (µ/k1)v + (ρ/k2)v2 (2.1) 
where ∆P/L is the pressure drop per unit length (Pa/m), µ is the dynamic viscosity of the fluid (Pa·s), 
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v is the superficial velocity (m/s), ρ is the fluid density (kg/m3), k1 is the Darcian (viscous) permeability 

constant (m2), and k2 is the non-Darcian (inertial) permeability constant (m). In scaffold systems 

relevant to tissue engineering, flow rates are typically maintained well within the Darcian regime, so 

the second term becomes negligible, and permeability reduces to its classic single-parameter Darcian 

form [3]. 

The biological significance of permeability extends beyond simple nutrient delivery. Vossenberg et 

al. [3] demonstrated computationally that the Darcian permeability constant k is a reliable 

predictor of wall shear stress in regular printed scaffold systems for tissue engineering. Their work, 

using computational fluid dynamics (CFD) simulations on scaffolds with perpendicular fiber 

architectures, showed that shear stress acting on scaffold fibers decreases monotonically with 

increasing k, and that below a critical k value of approximately 1 × 10−10 m2, small changes in 

scaffold dimensions such as those introduced by cell growth and extracellular matrix deposition can 

produce significant increases in shear stress that may impair cell attachment and proliferation. This 

finding underscores that permeability is not merely a transport parameter but a design variable with 

direct implications for cellular mechanobiology in perfusion bioreactor systems. 

Computational approaches to predicting scaffold permeability include mathematical modelling, 

multiscale methods, and CFD simulations. Syahrom et al. [5] conducted a comprehensive CFD 

based permeability study on both natural and idealized cancellous bone structures, demonstrating 

that permeability increases linearly with porosity and decreases linearly with bone surface area. 

Their study showed that natural cancellous bone exhibits permeability values spanning from 

2.56 × 10−11 m2 to 7.43 × 10−8 m2, with structural orientation markedly influencing transport 

behavior. These findings are directly relevant to scaffold design: structures with equivalent porosity 

but different surface area like the distinct TPMS topologies may exhibit substantially different 

permeability characteristics. 

Native vertebral cancellous bone exhibits permeability values on the order of 10−8 m2, which 
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provides the primary biological reference target for scaffold evaluation [6]. It is important to 

recognize, however, that bone permeability is hierarchical and scale dependent. At the lacunar–

canalicular system (LCS) level the microscale pore network surrounding osteocytes, Gardinier 

et al. [7] experimentally measured a Darcian permeability of 2.8 ± 1.8 × 10−23 m2 using rapid 

compression of intact canine metacarpals and intramedullary pressure recordings. This value, 

several orders of magnitude lower than macroscale cancellous permeability, highlights that bone 

fluid transport operates across multiple distinct porosity levels. For bone tissue engineering scaffolds 

targeting macroscale nutrient delivery and vascular infiltration, the relevant benchmark remains the 

cancellous bone permeability range (~10−9 to 10−8 m2) rather than the LCS level. 

Triply periodic minimal surface (TPMS) architectures have emerged as particularly promising 

scaffold geometries due to their continuous internal porosity, zero mean curvature, and 

mathematically scalable unit cell topology. These properties confer a favorable combination of 

high surface-area-to-volume ratio and well connected pore networks, both promote cell attachment 

and fluid perfusion [11, 12]. Computational and experimental investigations consistently 

demonstrate that permeability in TPMS structures is governed principally by porosity, pore size 

distribution, and tortuosity [1, 5]. The smooth curvature of TPMS surfaces also minimizes stress 

concentrations that could promote cracking in ceramic materials, conferring structural advantages 

relative to conventional lattice strut-lattice or stochastic porous geometries. 

Among the TPMS topologies investigated for bone tissue engineering, the Gyroid surface has 

been the most extensively characterized and serves as the current benchmark geometry [4]. Its 

bicontinuous sheet-network architecture produces interconnected pore channels without any mean 

curvature discontinuities, and its permeability behavior under Darcian flow conditions has been 

well documented across a range of porosities and length scales [4, 5, 12]. A second TPMS 

topology, the Fischer–Koch S (FKS) surface, has attracted theoretical interest owing to its distinct 

channel morphology and potentially superior surface-area distribution relative to the Gyroid at 

equivalent porosity. However, experimental characterization of FKS scaffolds remains limited, and 
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no published study to date has directly compared the fluid transport behavior of FKS and Gyroid 

hydroxyapatite constructs under matched fabrication and testing conditions. 

This gap in the experimental record is significant because permeability cannot be reliably inferred from 

topology alone. The sintering process introduces dimensional shrinkage and microstructural changes 

that alter effective pore geometry in ways that are difficult to predict analytically, and even small 

differences in post-sintering wall thickness or pore connectivity can produce measurable differences 

in transport behavior. The infrared spectroscopy based approach developed by Gascoin et al. [8] 

illustrates this challenge more broadly: they showed that peak width of a tracer signal through porous 

metallic media correlates linearly with Darcian permeability, yet even a 2% uncertainty in optical 

measurement translated to a 50% uncertainty in the derived permeability a reminder that characterizing 

transport properties demands rigorous and well-validated experimental methodology. Furthermore, 

because scaffold permeability must be optimized in conjunction with structural performance, direct 

experimental comparison between FKS and Gyroid architectures under matched conditions is essential 

to evaluate their relative suitability for load-bearing bone regeneration. The relationship between 

permeability and shear stress established by Vossenberg et al. [3] is particularly pertinent in this 

context: if the permeability of the FKS scaffold falls near or below a critical threshold, shear stresses 

on the scaffold surface may exceed biologically tolerable levels during perfusion bioreactor culture, 

even if macroscale transport rates appear adequate. 

Two principal computational approaches have been used to model fluid transport through porous 

scaffold geometries. The Brinkman equation extends Darcy's law by incorporating a viscous shear 

term that accounts for momentum transfer at solid-fluid boundaries, making it applicable to porous 

media with significant boundary layer effects. Direct numerical solution of the Navier-Stokes 

equations, implemented through computational fluid dynamics, resolves the full three-dimensional 

flow field within the pore space geometry without simplifying continuum assumptions, and is therefore 

more sensitive to local architectural complexity [3, 5]. 

The objective of this study was therefore to experimentally quantify the Darcian permeability of 

hydroxyapatite FKS and Gyroid scaffolds fabricated to equivalent nominal porosity, and to correlate 
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the measured transport behavior with structural characterization data obtained by micro-computed 

tomography (µCT). By providing direct experimental comparison under matched fabrication and 

testing conditions, this chapter establishes the permeability baseline required to contextualize the 

mechanical and biological performance assessments reported in subsequent chapters. 

 

2.2 Materials and Methods 

2.2.1 Scaffold Fabrication and Structural Characterization 

Hydroxyapatite TPMS scaffolds were fabricated as 10 mm cubic constructs with a target design 

porosity of 70%. The fabrication protocol employed viscous printing of hydroxyapatite paste 

followed by thermal debinding and sintering. The cubic geometry was selected to match the 

characteristic specimen dimensions commonly employed in both computational permeability 

studies [5] and experimental perfusion testing [4], facilitating meaningful comparison with the 

broader literature. 

Following sintering, micro-computed tomography (µCT) was performed on all specimens to 

determine as-built structural parameters. Quantified metrics included as-sintered porosity, mean wall 

thickness, mean wall spacing, and specific surface area. These morphological indices analogous to 

the trabecular thickness (Tb.Th), trabecular separation (Tb.Sp), and bone surface density (BS/BV) 

used to characterise natural cancellous bone microarchitecture [5] provide a quantitative basis for 

linking topology-dependent structural differences to measured transport behaviour. 

FKS scaffolds exhibited an as-sintered porosity of 74.00 ± 0.31%, substantially exceeding the 

70% design target. In contrast, Gyroid scaffolds decreased slightly to 68.49 ± 1.18%, falling 

marginally below the design value. This divergence in sintering behaviour is attributed to topology-

dependent differences in the spatial arrangement of material during thermal consolidation: the 

FKS surface geometry may create local conditions that favour greater material redistribution or 

shrinkage anisotropy during sintering. Wall thickness for Gyroid scaffolds closely matched the 



23  

extrusion width (0.413 ± 0.112 mm), while FKS scaffolds measured slightly thicker at 0.424 

±0.148 mm. Mean wall spacing was greater in FKS scaffolds (1.212 ± 0.295 mm) than in Gyroid 

scaffolds (1.039 ± 0.200 mm), consistent with the higher as-sintered porosity. Specific surface area 

was also marginally higher for FKS (5.796 ± 0.042 mm−1) compared to Gyroid (5.514 ± 

0.175mm−1). Higher porosity accompanied by greater surface area parallels the findings of 

Syahrom et al. [5], who identified that structures with larger surface areas generate greater 

resistance to fluid flow, partially counteracting the permeability benefit of increased void 

fraction. 

Figure 2.1: Representative images and micro-CT scans of 3D-printed and sintered cubic scaffolds. Column 
A/D shows isometric views of each topology (Gyroid: A–C; FKS: D–F). Column B/E displays 3D relative-
thickness heatmaps from µCT data (red = thickest, green = thinnest). Column C/F shows top-view (x–y 
plane) slices; examples of layer gaps are circled. 
 

These structural differences in particular the wider mean wall spacing and higher as-sintered 

porosity of FKS suggest topology-dependent variation in pore connectivity and tortuosity, which 

may in turn influence permeability. The coefficient of variation in wall thickness is notably higher 

for FKS (34.9%) than for Gyroid (27.1%), indicating greater structural heterogeneity within the 
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FKS architecture following sintering. This variability in local wall geometry may contribute to 

more irregular flow path distributions and, consequently, to the flow-rate sensitivity discussed in 

Section 2.4. 

2.2.2 Permeability Measurement Apparatus and Protocol 

Permeability was measured using a horizontal flow apparatus adapted from Santos et al. [4]. The 

experimental configuration closely mirrors the standard perfusion chamber approach widely adopted 

in cancellous bone permeability studies [5, 6], adapted for the specific geometry and mechanical 

fragility of sintered ceramic TPMS scaffolds. The system consisted of a 3D-printed test chamber 

housing the scaffold, a 100 mL glass syringe driven by a syringe pump at controlled volumetric 

flow rates, and a Validyne P17 differential pressure transducer connected across the scaffold to 

record the pressure drop. An elastomeric sleeve was fitted around each scaffold specimen prior to 

placement within the test chamber; this sleeve served to prevent bypass flow around the scaffold 

perimeter, ensuring that all fluid passed through the scaffold interior and that the measured pressure 

drop reflected the intrinsic scaffold resistance rather than a combination of scaffold and bypass 

pathways. 

Figure 2.2: Schematic of the permeability measurement setup, showing the syringe pump, test 
chamber, scaffold specimen with elastomeric sleeve, differential pressure transducer, and data 
acquisition system 
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 Flow rates of 1–5 mL/min were selected to replicate wall shear stress conditions relevant to 

osteoblastic differentiation in perfusion bioreactor systems. This range corresponds to superficial 

velocities that produce wall shear stresses within the physiologically relevant window for osteogenic 

stimulation, consistent with the framework established by Vossenberg et al. [3], who demonstrated 

that Darcian permeability directly governs the magnitude of shear stresses experienced by cells on 

scaffold fibres during perfusion culture. Flow rates were applied sequentially from lowest to 

highest, with each flow rate maintained until a stable pressure reading was obtained before recording 

commenced. 

 
2.2.3 Fluid Properties and Darcian Validation 

Laboratory temperature was maintained at 22.5◦C throughout testing. Water was used as the 

perfusing fluid, consistent with the approach of numerous permeability studies on cancellous bone 

and porous scaffolds [5]. Water properties at 22.5◦C were taken as: density ρ = 997 kg/m3 and 

dynamic viscosity µ = 9.55 × 10−4 Pa·s. The use of water at ambient temperature, rather than 

blood or marrow substitute at physiological temperature, is a standard simplification that enables 

controlled and reproducible testing; the intrinsic permeability k is a material property independent 

of fluid, so measured values are directly comparable across studies employing different fluids, 

provided Darcian conditions are satisfied [5]. 
To validate the Darcian assumption, the Reynolds number was calculated for each test condition 

according to: 

Re = ρvD / µ (2.2) 

where v is the superficial (Darcy) velocity and D is a characteristic pore length scale. The 

maximum Reynolds number observed across all test conditions and both scaffold types was Re= 

0.89, satisfying the criterion Re < 1 and thereby confirming that inertial contributions to the 

pressure drop were negligible throughout the experimental regime [2, 3]. Under these conditions, the 

Forchheimer equation (Eq. 2.1) reduces to its Darcian form, and the quadratic term associated with 

the non-Darcian permeability constant k2 can be neglected. Darcian permeability was accordingly 
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determined by applying Darcy's law directly: 

k = vµL / (∆P · A) (2.3) 
 where v is the superficial velocity (m/s), µ is the dynamic viscosity (Pa·s), L is the scaffold 
length in the flow direction (m), ∆P is the measured pressure drop across the scaffold (Pa), and A is 
its cross-sectional area (m2). This is the standard form of Darcy's law applied to determine intrinsic 
scaffold permeability and is consistent with the formulation used across experimental permeability 
studies on both cancellous bone [5, 6] and TPMS scaffolds [4]. 

 
2.2.4 Pressure Transducer Calibration 

Accurate permeability determination requires precise pressure measurement. The Validyne P17 

differential pressure transducer (Validyne Engineering Corporation, California, USA) was 

calibrated prior to testing using a series of known static pressures applied via a water column of 

variable height. The calibration yielded a linear voltage-to-pressure relationship: 

Pressure (Pa) = 260.8 × Volts + 35.348 (2.4) 

with a coefficient of determination R2 = 0.9695, indicating satisfactory linearity across the 

measurement range. The calibration procedure is directly analogous to the pressure transducer 

validation protocols described in classical permeability measurement frameworks [2]. The non-zero 

intercept (35.348 Pa) reflects a small systematic offset at zero differential pressure, which was 

accounted for in all subsequent permeability calculations by using the calibrated relationship rather 

than raw voltage output. 

 
2.2.5 Experimental Design and Statistical Analysis 

Five scaffolds per topology were tested in triplicate at each flow rate, yielding a total of fifteen 

independent pressure–velocity measurements per scaffold type at each flow rate. This sample size 

and replication strategy was designed to provide sufficient statistical power to detect modest 

permeability differences between topologies while also quantifying within-scaffold and between-

scaffold variability. 
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Figure 2.3: Pressure transducer calibration curve, showing measured pressure (Pa) as a function of transducer 
voltage output (V), with linear regression fit. 

 
The linearity of pressure–velocity relationships was assessed visually and by linear regression for 

each scaffold at each flow rate, providing a graphical confirmation of Darcian behaviour. Pooled 

permeability values were calculated by averaging across all tested flow rates for each topology. 

Statistical comparisons were performed to evaluate differences between scaffold architectures, 

flow-rate dependence within each topology, and measurement repeatability between sessions. 

Paired t-tests were used for repeated measurements on the same specimens (i.e., first and second 

measurement sessions), enabling within-specimen comparison that controls for inter-specimen 

variability. One-way analysis of variance (ANOVA) was applied to assess differences in permeability 

across flow rates within each topology and between scaffold groups. Statistical significance was 

defined at α = 0.05 throughout. 
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2.3 Results 

2.3.1 Pressure–Velocity Linearity and Darcian Regime Confirmation 

Linear pressure–velocity relationships were observed across all tested flow rates for both FKS and 

Gyroid architectures. Representative pressure–velocity plots for each topology demonstrated that 

the pressure drop scaled proportionally with superficial velocity throughout the 1–5 mL/min range, 

with high coefficients of determination (R2 > 0.98 for all individual scaffold regressions). This 

linearity, combined with the verified Reynolds number ceiling of Re = 0.89, confirms that fluid 

transport through both TPMS architectures operated in the Darcian regime under all experimental 

conditions. No evidence of Forchheimer-type non-linearity which would manifest as a superlinear 

increase in pressure drop at higher flow rates was observed for either topology. 

 

 

Figure 2.4: Mean Darcian permeability of Gyroid and FKS scaffolds across flow rates of 1–5 mL/min (n = 5 
per group). Statistical significance is denoted by: *, P < 0.05; **, P < 0.01; ***, P < 0.001. 
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2.3.2 Measured Permeability Values 

Average Darcian permeability values pooled across all flow rates were: 

 

• FKS: (1.13 ± 0.06) × 10–9 m2 
 

• Gyroid: (1.27 ± 0.20) × 10–9 m2 

 
Gyroid scaffolds demonstrated approximately 11% greater mean permeability than FKS scaffolds. 

Both values fall within the 10–9 m2 order of magnitude, consistent with reported permeability values 

for porous hydroxyapatite scaffolds [1, 4]. 

 
2.3.3 Flow-Rate Dependence 

FKS scaffolds exhibited statistically significant flow-rate dependence in measured permeability (p 

= 0.016 for the first measurement set; p = 0.001 for the second), with a trend toward higher 

apparent permeability at elevated flow rates. Gyroid scaffolds exhibited no statistically significant 

flow-rate dependence (p = 0.341), with permeability values remaining essentially constant across 

the 1–5 mL/min range. 

 
2.3.4 Between-Architecture Statistical Comparison 

A paired t-test comparing FKS and Gyroid permeability across initial measurements yielded p = 

0.055, indicating no significant difference at the α = 0.05 threshold. However, when scaffold-to-

scaffold variability was accounted for using ANOVA, statistically significant differences between 

architectures emerged (p = 0.037 for the first measurement set; p = 0.006 for the second). 

 
2.3.5 Measurement Repeatability 

Repeatability testing between first and second measurement sessions for FKS scaffolds yielded p = 

0.060, confirming no statistically significant intersession difference and supporting the 

experimental reliability of the permeability protocol. Similarly, Gyroid scaffolds showed 



30  

consistent permeability values between sessions. Had the sleeve been permitting peripheral leakage 

or mechanically deforming the scaffold between successive perfusion cycles, a systematic shift in 

measured permeability between the first and second sessions would be expected. The absence of 

any statistically significant intersession difference therefore supports both the sealing integrity of 

the sleeve and the conclusion that scaffold microstructure was not appreciably altered by successive 

perfusion under the applied flow conditions. The stability of repeated measurements validates the 

use of the elastomeric sleeve system to prevent bypass flow and confirms that scaffold 

microstructure was not appreciably altered by successive perfusion tests. 

 

2.4 Discussion 

2.4.1 Scaffold Permeability Relative to the Trabecular Bone Benchmark 

Both FKS and Gyroid scaffold topologies produced permeability values on the order of 10−9 m2, 

falling within the permeability ranges reported for other porous biomaterials used in bone tissue 

engineering [1, 4]. Syahrom et al. [5] compiled an extensive literature survey of experimental 

cancellous bone permeability values spanning from 2.56 × 10−11 m2 to 7.43 × 10−8 m2, depending 

on anatomical site, specimen orientation, and morphological indices; the present scaffolds fall 

comfortably within this range. The measured values confirm that neither FKS nor Gyroid 

architecture presents a fundamental barrier to nutrient transport or vascular infiltration at the tested 

porosity and across the range of flow rates applied in the present study. 

However, the measured values remain approximately one order of magnitude below those reported 

for native vertebral cancellous bone (~10−8 m2 [6]), indicating that further optimisation of pore 

geometry or porosity may be warranted if physiological permeability is a primary design target. 

In this context, the findings of Syahrom et al. [5] are instructive: their computational analyses 

showed that the prismatic plate-and-rod idealised structure most closely replicated natural 

cancellous bone permeability, and that the tetrakaidecahedral rod only structure achieved the 
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highest simulated permeability values (~5.34 × 10−8 m2) by virtue of its predominantly open, 

interconnected strut architecture. TPMS topologies, by contrast, present closed sheet-like wall 

architectures that inherently impose greater viscous resistance than open-strut networks at equivalent 

bulk porosity. Increasing the nominal design porosity of TPMS scaffolds beyond 70% may improve 

alignment with the physiological benchmark, though this must be balanced against the attendant 

reduction in mechanical performance. 

It is also instructive to consider permeability across different length scales of bone. Gardinier et 

al. [7] measured the LCS Darcian permeability of canine cortical bone to be 2.8 ± 1.8 × 10−23 

m2 fourteen orders of magnitude smaller than the macroscale permeability of the present 

scaffolds. This comparison underscores the hierarchical nature of bone fluid transport: the scaffold 

permeability values reported here are relevant to macroscale nutrient and oxygen supply, whereas 

LCS-level transport governs osteocyte mechanosensing and pericellular fluid shear [10]. Bone tissue 

engineering scaffolds operating at the macroscale cannot and need not replicate LCS permeability; 

rather, they must support vascular infiltration and interstitial fluid circulation, for which the 10−9 

m2 range measured in the present study is physiologically relevant. 

 
2.4.2 Structural Origins of Topology-Dependent Permeability 

The modest 11% permeability advantage of Gyroid over FKS is consistent with the structural data 

obtained from µCT (in Section 2.2.1). The wider mean wall spacing of FKS scaffolds (1.212 vs. 

1.039 mm) and higher as-sintered porosity (74.00 vs. 68.49%) might initially be expected to favor 

permeability; however, the relationship between porosity, surface area, and permeability is not 

monotonic when topology changes simultaneously. This is precisely the scenario illustrated by 

Syahrom et al. [5] in their comparison of structures with identical porosity but different surface 

area: the higher-surface-area structure exhibited greater resistance to flow due to increased viscous 

dissipation at the fluid and solid interface, even though overall void fraction was unchanged. 

In the present case, the marginally higher specific surface area of FKS (5.796 vs. 5.514 mm−1) 

increases viscous drag relative to the Gyroid, partially offsetting the transport advantage of higher 
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porosity. Additionally, the larger wall spacing in FKS may be accompanied by greater pore tortuosity 

or more irregular channel interconnectivity relative to the smoother, more topologically uniform 

Gyroid network [13, 14]. Tortuosity is a well-established determinant of effective permeability in 

porous media: for a given porosity, structures with more tortuous flow paths exhibit systematically 

lower permeability because fluid parcels must travel longer effective distances to traverse a given 

scaffold length [1, 5]. The irregular pore channel geometry of FKS reflected in its greater coefficient 

of variation in wall thickness is consistent with a higher effective tortuosity that partially accounts 

for its lower permeability compared to Gyroid, despite nominally larger pores. 

 
2.4.2 Flow-Rate Sensitivity and Mechanistic Interpretation 

The statistically significant flow-rate dependence observed in FKS scaffolds (p = 0.016 and 0.001 for 

two measurement sets), absent in Gyroid scaffolds (p = 0.341), warrants careful interpretation. 

Since the Reynolds number remained below unity throughout, the flow is technically within the 

Darcian regime for both topologies and true Forchheimer-type inertial losses can be excluded as 

the primary explanation. The observed trend in apparent permeability increasing with increasing 

superficial velocity in FKS is more plausibly attributed to one of two mechanisms. 

First, local inertial effects in geometrically complex pore junctions may become marginally 

relevant even at sub-unity Reynolds numbers in topologies with more irregular channel cross-

sections. Vossenberg et al. [3] noted that the Navier–Stokes formulation captures the exact geometry 

of flow obstacles in a way that the Brinkman continuum model [3, 15]does not, and that differences 

between these approaches become more pronounced in architecturally complex systems. The FKS 

topology's greater structural heterogeneity evidenced by its higher wall thickness coefficient of 

variation may create local flow acceleration zones that contribute a small but detectable apparent 

velocity dependence to the bulk pressure–velocity relationship. 

Second, progressive mobilization of trapped fluid pockets or reopening of marginally obstructed pore 

channels at higher flow rates could slightly increase the effective hydraulic cross-section available 

for flow. This mechanism is consistent with the observation that FKS scaffolds, with their wider and 
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more variable wall spacing, may contain a larger fraction of partially obstructed pore channels 

arising from sintering-induced defects or internal pore bridging. In contrast, Gyroid's smoother 

and more uniformly connected bicontinuous network is less susceptible to such partial obstruction, 

yielding more stable permeability values independent of flow rate. 

These mechanistic interpretations are consistent with the general principle, established by Gascoin 

et al. [8] in the context of aerospace porous materials, that permeability characterisation using 

dynamic flow methods can be sensitive to both the measurement flow rate and the internal 

geometry of the porous medium. While Gascoin et al. developed their infrared spectroscopy 

approach specifically for real-time in-situ monitoring of permeability changes in metallic and 

ceramic matrix composite materials under extreme conditions, a context quite different from bone 

scaffold testing, their demonstration that even a 2% uncertainty in optical measurement translates to 

~50% uncertainty in derived permeability emphasises the importance of rigorous calibration and 

methodology validation in any permeability study. The present study addresses this requirement 

through careful pressure transducer calibration (R2 = 0.9695), the use of an elastomeric bypass-

prevention sleeve, and triplicate measurements per condition. 

 
2.4.3 Statistical Framework and Sample Size Considerations 

The discrepancy between paired t-test (p = 0.055, non-significant) and ANOVA (p = 0.037, 

significant) outcomes for the between-architecture comparison illustrates the sensitivity of 

permeability study conclusions to the choice of statistical framework. The paired t-test, applied to 

initial measurements, treats within-scaffold variability as signal rather than noise when comparing 

topologies, thereby reducing statistical power for detecting modest between-group differences. 

ANOVA, by partitioning variance between and within groups, more appropriately accounts for 

scaffold-to-scaffold heterogeneity and reveals a statistically significant topology effect that the 

paired analysis obscures. 

This distinction has practical implications for future scaffold permeability studies: where modest 

permeability differences (of order 10–20%) are expected between topologies, as is the case for 
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architecturally similar TPMS geometries, sample sizes of at least five specimens per group and 

ANOVA-based analysis frameworks are recommended to achieve adequate statistical power. The 

present study with n = 5 per topology is consistent with the sample sizes employed in comparable 

experimental permeability investigations [4, 5]. 

 
2.4.4 Implications for Bioreactor Design and Cell Culture 

The permeability values measured in this study have direct implications for perfusion bioreactor 

design. Vossenberg et al. [3] established power-law relationships between Darcian permeability k1 

and average and maximum wall shear stress: 

 

τω,avg = 9.82 × 10−12. k−0.914 (2.5) 
 

 

τω,max = 3.36 × 10−10. k−0.807 (2.6) 

 
The relationships derived by Zhao et al. for regular fibrous scaffolds represent order-of-magnitude 

estimates when applied to TPMS geometries due to their architectural differences from the fibrous 

systems for which the correlations were originally developed. Applying these relationships to the 

present permeability values, yields wall shear stress estimates that fall within the range associated 

with osteogenic stimulation at the flow rates used in the present study (1–5 mL/min). At lower 

permeabilities, such as those that might arise from cell-mediated reduction in effective pore volume 

during culture, shear stresses could increase substantially. The Gyroid's higher and more stable 

permeability therefore confers a degree of resilience against culture-induced increases in shear 

stress that may be biologically advantageous. These considerations reinforce that permeability is not 

merely a structural descriptor but a functional parameter with direct consequences for cell 

behaviour in dynamic culture systems. 
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2.4.5 FKS as a Viable Alternative to Gyroid 

Although Gyroid scaffolds demonstrated statistically greater permeability, the absolute magnitude 

of the difference is modest relative to previously demonstrated mechanical advantages of the FKS 

architecture. This suggests that FKS may represent a viable alternative to Gyroid for load-bearing 

bone tissue engineering, where structural performance may take precedence over marginal 

differences in fluid transport behavior within a physiologically acceptable permeability range. The 

FKS permeability of (1.13 ± 0.06) × 10−9 m2 is not clinically limiting as it falls within the 

established range for bone tissue engineering scaffolds [1, 4] and supports adequate nutrient 

delivery at perfusion flow rates relevant to in vitro and in vivo environments. The key question, is 

whether the mechanical advantage of FKS is sufficiently large to justify its selection despite the 

modest permeability trade-off. 
 
 

2.5 Conclusions 

This study experimentally quantified the Darcian permeability of hydroxyapatite FKS and Gyroid 

scaffolds and evaluated topology-dependent fluid transport behavior under matched fabrication and 

testing conditions. The following principal conclusions are drawn: 

(1) Both FKS and Gyroid architectures exhibited Darcian flow behavior (Re < 1) across all 

tested flow rates of 1–5 mL/min, confirming that the linear pressure–velocity relationship of Darcy's 

law is the appropriate transport model for these scaffold systems under the tested conditions. 

(2) Gyroid scaffolds demonstrated statistically higher permeability (1.27 ± 0.20 × 10−9 m2) 

compared to FKS scaffolds (1.13 ± 0.06 × 10−9 m2), a difference of approximately 11% that 

became statistically significant (p = 0.037–0.006) when scaffold-to-scaffold variability was properly 

accounted for using ANOVA. 

(3) FKS scaffolds exhibited mild but statistically significant flow-rate sensitivity (p = 

0.001–0.016), plausibly attributable to the greater structural heterogeneity of the FKS topology 

following sintering. Gyroid scaffolds showed no significant flow-rate dependence (p = 0.341), 

consistent with the more uniform and well-connected bicontinuous channel network characteristic 
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of this topology. Measurement repeatability was confirmed for both topologies, validating the 

experimental protocol including the elastomeric sleeve bypass-prevention system and pressure 

transducer calibration. 

(4) Both scaffold architectures fall within physiologically relevant permeability ranges for 

bone tissue engineering, approximately one order of magnitude below native vertebral cancellous 

bone permeability (~10−8 m2). Achieving the physiological benchmark may require increased 

design porosity or alternative pore size parameters. 

(5) The modest permeability advantage of Gyroid must be weighed against the comparative 

mechanical performance of FKS when selecting geometries for load-bearing applications. Within 

the framework established by Vossenberg et al. [3], both topologies produce permeability values 

sufficient to maintain cell-compatible shear stresses at the tested perfusion flow rates. 
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Chapter 3  

Evaluation of Adhesive and Attachment Methods for 

Strain Gauge Application on Porous Scaffolds 

3.1 Introduction 

Accurate measurement of strain in porous scaffold structures is a prerequisite for reliable 

mechanobiological interpretation, yet it presents unique challenges that distinguish these substrates 

from conventional smooth, homogeneous test specimens. The geometric irregularity, inherent 

surface porosity, and material heterogeneity of additively manufactured scaffolds each introduce 

potential sources of measurement error that must be systematically addressed before strain data 

can be used with confidence. Central to this challenge is the role of the adhesive interlayer, which 

mediates all mechanical communication between the substrate and the sensing grid of an electrical 

resistance strain gauge. 

Electrical resistance strain gauges do not directly measure substrate strain; rather, they record the 

strain transmitted through the adhesive layer bonding them to the surface. Classical strain-transfer 

theory demonstrates that shear lag develops across the adhesive thickness as a result of modulus 

mismatch between the substrate and adhesive, creating strain gradients that attenuate the signal 

reaching the gauge [1]. Even for nominally thin adhesive layers, this attenuation can be significant, 

and it is governed primarily by the shear modulus and thickness of the interlayer. The adhesive 

therefore functions as a mechanical filter: one that ideally transmits strain with high fidelity, but in 

practice introduces systematic error when its compliance or thickness is not carefully controlled. 

Experimental evidence corroborates this theoretical framework. Komurlu et al. reported errors 

exceeding 100% in measured elastic modulus as a function of adhesive stiffness and thickness, with 

strain loss across compliant interlayers reaching up to 51% [2]. These findings underscore 
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that adhesive selection is far from trivial as it is a factor capable of fundamentally distorting the 

measured mechanical response. This problem is compounded when the substrate departs from the 

idealized, polished metallic surface that characterizes most strain gauge validation studies. 

Additively manufactured scaffolds produced by melt extrusion and viscous ceramic paste 

extrusion present precisely such a departure. The extrusion process inherently yields micro-voids, 

filament ridges, and reduced surface continuity, all of which interfere with adhesive bonding in 

ways that do not occur on machined metallic or dense polymer specimens. When an adhesive is 

applied to such a surface, it may infiltrate the surface porosity rather than forming a uniform thin 

film, thereby increasing the effective interlayer thickness and altering local compliance [3]. The 

resulting variability in bonding efficacy means that the mechanical filtering effect of the adhesive is 

not only present but spatially non-uniform. 

This interaction between adhesive behavior and substrate microstructure establishes a direct link 

between attachment protocol and the quality of strain data used for mechanobiological modeling. 

It should be noted that the present study employs a constitutive mapping approach unique to this 

work: surface principal strains are measured experimentally on PLA Gyroid scaffold surrogates and 

subsequently transformed into ceramic-equivalent strain fields using the ratio of elastic compliances 

between the PLA and hydroxyapatite scaffold architectures. Because subsequent scaffold 

performance is evaluated by transforming surface strain measurements into ceramic-equivalent 

strain fields and interpreting them against established mechanoregulation thresholds [4, 5], any 

systematic attenuation or variability introduced at the adhesive interface propagates directly into the 

biological conclusions. 

The objective of this chapter is to confirm the literature with our test materials, by experimentally 

comparing two adhesive systems: a high-modulus cyanoacrylate and a low-modulus elastomeric 

adhesive for strain gauge bonding to porous polylactic acid (PLA) gyroid scaffolds, and to quantify 

their influence on the magnitude and repeatability of measured principal strain. The adhesive 

system identified as superior in this evaluation was subsequently adopted as the standard attachment 

protocol for all strain gauge installations on hydroxyapatite ceramic scaffold constructs reported 



41  

in Chapters 3 and 4, on the basis that both substrate types share comparable surface morphology 

characteristics arising from the robocasting fabrication process. 

 

3.2 Materials and Methods 

3.2.1 Scaffold Preparation 

Gyroid 30 mm cubic scaffolds (70% nominal porosity) were fabricated using melt extrusion 

fabrication (PLA). Surface roughness and micro-porosity inherent to the extrusion process required 

sanding prior to gauge bonding. 

 
3.2.2 Adhesive Systems 

Two adhesive systems were investigated: M-Bond 200 (cyanoacrylate-based, high-modulus 

adhesive) and Biomed Elastic 50A (low-modulus elastomeric adhesive). Cyanoacrylate adhesives 

are widely used in strain gauge mounting applications due to their high stiffness and thin bonding 

layers, which promote efficient strain transfer [3]. In contrast, elastomeric adhesives introduce 

compliance at the interface and are expected to increase shear-lag effects [2]. 

 
3.2.3 Gauge Installation Protocol 

For M-Bond 200, the adhesive was employed both as a surface sealant and bonding agent. A thin 

layer was first applied to the designated bonding region to fill micro-porosities inherent to the PLA 

print structure. A minimal quantity of adhesive was then applied to the backing of the strain gauge. 

The gauge was transferred from a glass slab onto the prepared scaffold region, ensuring alignment 

with the principal loading axis. Gentle pressure was applied to promote uniform adhesive 

distribution. Assemblies were cured undisturbed at ambient laboratory temperature (22–24 
◦ 
C) 

for a minimum of 12 hours to ensure complete polymerization. The elastomeric adhesive group 

followed identical placement procedures; however, visual inspection indicated increased interlayer 
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thickness due to reduced capillary infiltration into surface porosity. Gauge preparation and bonding 

procedures followed the general protocols described by Cordey and Gautier [9]. 

 
3.2.4 Mechanical Testing and Strain Analysis 

Specimens were subjected to controlled compressive loading using a uniaxial testing machine 

across all experimental groups. Load was applied quasi-statically at a rate of 0.5 mm/min to a 

maximum compressive force of 1000 N or till failure of the PLA scaffold material. Load and 

displacement data were recorded simultaneously with strain gauge output. 

Strain measurement was performed using rectangular (0◦/45◦/90◦) three-element rosette gauges 

(Micro-Measurements, model CEA-06-062UR-350) bonded to the scaffold surface. This rosette 

configuration was selected because compressive loading of a gyroid scaffold does not in general 

produce a uniaxial surface strain state; the complex geometry generates biaxial strain fields in which 

the directions of principal strain are not known [7]. A rectangular rosette permits recovery of the full 

in-plane strain tensor from three independent gauge readings, enabling determination of both the 

principal strain magnitudes and their orientations without prior knowledge of the loading geometry 

[6, 9]. 

Each rosette element was connected in a quarter-bridge Wheatstone circuit configuration using a 

three-wire connection scheme. The three-wire arrangement was employed to minimise errors due to 

leadwire resistance variation, which can be significant when long lead wires are used or when 

ambient temperature fluctuates during testing [6]. In a three-wire quarter-bridge, the resistance of 

the leadwire connecting the gauge to the completion resistors is shared between the two arms of 

the bridge, so that thermal changes in leadwire resistance produce equal and opposing effects that 

largely cancel one another, substantially reducing measurement error relative to a two-wire 

configuration. 

Raw bridge output voltages from the three rosette elements were acquired using a National 

Instruments data acquisition system at a sampling rate of 1000 Hz. The gauge excitation voltage 

was set to 2.0 V to limit self-heating effects in the bonded gauge, consistent with recommendations 
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for polymeric substrates with low thermal conductivity [7]. Prior to loading, all channels were 

balanced and zeroed to remove any residual offset due to pre-existing thermal strains or slight gauge 

misalignment. 

Measured bridge voltages were converted to individual element strains using the standard linear 

gauge equation: 

ε = (4 × ∆V/Ve) / (GF × (1 + 2 × ∆V/Ve)) (3.1) 

where ε is the measured strain, ∆V/Ve is the bridge output ratio, and GF is the gauge factor (GF 

= 2.085 ± 0.5%). 

Principal strains were subsequently calculated from the three rosette element strains (ε1, ε2, ε3 

at 0
◦ 
, 45

◦ 
, and 90

◦ 
) using standard rectangular rosette transformation equations [9]: 

ε_max , ε_min = (ε1 + ε3)/2 ± (1/√2) × 
✓

[(ε1 - ε2)2 + (ε2 - ε3)2] (3.2) 

The angle θ of the maximum principal strain axis relative to the 0
◦ 
gauge element: tan(2θ) = (2ε2 

- ε1 - ε3) / (ε1 - ε3) (3.3) 

The maximum principal strain magnitude (ε_max) was selected as the primary comparison metric 

between adhesive groups, as it represents the most mechanobiologically relevant quantity for 

interpreting tissue differentiation stimuli [4, 5, 8]. This choice is consistent with the approach used in 

experimental bone strain studies, in which principal surface strains are used to validate computational 

loading models and establish dose-response relationships between mechanical stimulation and tissue 

adaptation [8, 10]. 

All signal processing and principal strain calculations were performed in MATLAB (MathWorks, 

R2023b). For each specimen, the mean principal strain across the plateau region of the loading curve 

(10–40 N) was computed to provide a single representative value per gauge site. This approach 

minimised the influence of any transient effects at the onset of loading while remaining within the 

linear elastic deformation regime of the scaffold material. 
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3.2.5 Statistical Analysis 

Experimental groups were defined according to adhesive type and replicate condition. One-way 

ANOVA was performed to assess differences between groups. Statistical significance was defined 

at α = 0.05. 

 

3.3 Results 

3.3.1 Principal Strain Magnitudes 

M-Bond 200 specimens produced principal strain magnitudes in the range of approximately 0.026–

0.031. Elastic 50A specimens exhibited principal strains up to approximately 0.0629, with 

substantially greater variability. 

 

Figure 3.1: Comparing Strain measured by the bench top UTM (Tinius Olsen) to the strain measured by 
strain gauges attached by the different gauge adhesive 

 

3.3.2 Statistical Comparisons 

Statistical comparisons revealed a significant difference in replicate consistency between adhesive 

groups. The M-Bond replicate comparison yielded p = 0.874 (not significant), indicating high 

reproducibility. In contrast, the Elastic 50A replicate comparison yielded p = 0.003 (significant), 

confirming that the elastomeric adhesive introduced substantial inter-specimen variability. 
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These results indicate that adhesive modulus significantly influences both strain magnitude and 

measurement repeatability. 

 

3.4 Discussion 

3.4.1 Adhesive Modulus and Shear-Lag Effects 

The results confirm the theoretical prediction that compliant adhesives reduce strain-transfer 

fidelity. Strain-transfer efficiency is governed by adhesive shear stiffness and thickness, as predicted 

by classical shear-lag models [1]. A compliant adhesive increases interfacial shear deformation, 

attenuating the strain transmitted to the gauge and introducing spatial non-uniformity beneath the 

sensing grid. The substantially elevated and variable strain magnitudes observed in the 

Elastic 50A group are consistent with this mechanism and are further supported by the findings of 

Komurlu et al., who demonstrated that compliant adhesives can produce substantial modulus 

measurement error [2]. 

 
3.4.2 Influence of Porous Substrate 

The porous nature of the melt extrusion fabricated scaffolds amplified the differences between 

adhesive systems. On these substrates, adhesive infiltration into surface voids alters local interlayer 

thickness and compliance in a spatially non-uniform manner. The elastomeric adhesive likely 

formed thicker, irregular interlayers within surface voids, amplifying strain redistribution effects 

and contributing to the high inter-specimen variability observed statistically. Conversely, the low 

variability of M-Bond 200 is consistent with the behavior of thin, high-modulus adhesives described 

in the strain gauge literature [3]. 

 
3.4.3 Implications for Mechanobiological Interpretation 

Because scaffold strains in this study are transformed into ceramic-equivalent strain fields and 

interpreted against osteogenic or fibrotic thresholds [4, 5], systematic underestimation or inflated 
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variability at the adhesive interface could result in misclassification of the mechanical environment. 

Accurate and repeatable strain transfer is therefore not only metrologically desirable but scientifically 

essential for the translational integrity of subsequent modeling work. 

 

3.5 Conclusions 

This study demonstrated that adhesive selection significantly affects both the magnitude and 

repeatability of strain measurements on porous scaffolds. The cyanoacrylate adhesive M-Bond 200 

provided consistent strain transfer, exhibited low inter-specimen variability, and minimized shear-lag 

effects is behavior attributable to its high modulus and ability to form a thin, uniform bonding layer 

even on irregular met extruded surfaces. The elastomeric adhesive Elastic 50A produced elevated 

and highly variable strain readings, consistent with the shear-lag effects predicted by classical strain 

transfer theory [1, 2]. 

Based on these findings, thin, high-modulus cyanoacrylate adhesives are recommended for strain 

gauge application on porous scaffold substrates. These results establish a standardized bonding 

protocol for subsequent scaffold mechanobiology studies, and underscore that adhesive selection 

must be treated as a primary methodological consideration whenever surface strain data are to be 

used for mechanobiological modeling. 
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Chapter 4  

Study of Effects of 3D Printed Polycaprolactone 

Sleeve on Transverse Strain in Critical-Sized 3D 

Printed Gyroid Scaffold 

4.1 Introduction 

Calcium phosphate ceramics, particularly apatite-based compositions, remain among the most 

clinically relevant materials for bone tissue engineering owing to their chemical similarity to the 

mineral phase of native bone. This compositional mimicry promotes osteoconduction, cellular 

attachment, and mineral deposition in ways that synthetic polymers and metals cannot replicate. 

However, apatite scaffolds are inherently brittle, with limited fracture toughness, a mechanical 

limitation that has historically restricted their use in human-scale load-bearing long-bone 

reconstructions where failure would have serious clinical consequences. 

Advances in scaffold architecture, particularly the adoption of TPMS topologies, have improved 

the structural efficiency of ceramic scaffolds without requiring increases in material density. Among 

available TPMS geometries, the Gyroid provides continuous, fully interconnected pore networks, 

reduces stress concentration sites relative to stochastic foam architectures, and improves load 

distribution through its periodic curvature. These architectural advantages enhance mechanical 

performance at a given porosity but do not eliminate the intrinsic brittleness of the ceramic 

constituent. 

The mechanobiological significance of this susceptibility is grounded in established fracture 

healing theory. Mechanoregulatory frameworks developed by Carter and subsequently formalized 

by Claes and Heigele demonstrate that local strain magnitude governs tissue differentiation at a 

regenerating defect site. Moderate compressive strains promote endochondral ossification and direct 
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bone formation, while excessive tensile or shear strain redirects tissue fate toward endochondral 

ossification resulting in fibrous, poorly formed bone tissue which impairs union. 

Conventional strategies for improving ceramic scaffold toughness involve polymer composite 

fabrication, surface infiltration, or coating approaches. While these methods can enhance fracture 

toughness, they introduce significant trade-offs: polymer infiltration reduces pore interconnectivity, 

alters degradation kinetics, masks the osteoconductive ceramic surface and reduces total bone 

volume, as polymers must degrade before bone tissue can replace them. 

The present study proposes a external reinforcement strategy in which the protective polymeric 

component is positioned externally rather than integrated within the scaffold matrix. The central 

hypothesis is that an externalized polycaprolactone (PCL) sleeve can reduce transverse strain within 

a brittle, highly porous Gyroid apatite scaffold while preserving the physiologic axial compressive 

strain required to support osteogenesis. 

To evaluate this hypothesis, an investigation was conducted using an established ovine metatarsal 

critical defect model. Highly porous PLA Gyroid scaffolds with and without a PCL sleeve were 

subjected to cyclic, human-scale compressive loading of a critical-sized defect supported by a steel 

fixation please which was installed in accordance with typical surgical norms. Multiaxial surface 

strain was quantified using rosette strain gauges and mapped to ceramic-equivalent values through a 

constitutive transformation framework. 

 

4.2 Materials and Methods 

4.2.1 Sleeve Design and Fabrication 

The endoprosthetic sleeve was fabricated from FacilanTM PCL 100 Filament (80 kDa, 3D4Makers, 

Netherlands), a medical grade polycaprolactone selected for its biocompatibility, biodegradability, 

and thermal processability. The sleeve was designed to mechanically encapsulate the Gyroid 

scaffold, providing a conformal interface replicating the outer geometry of the excised ovine 

metatarsal segment. Scaffold and sleeve dimensions were derived from computed tomography data 
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of a representative adult ovine metatarsus. Geometry was developed in SolidWorks (Dassault 

Systèmes), with both external contours and internal cavities parametrically modeled to achieve a 

slip-fit tolerance with the scaffold. Other aspects of the sleeve geometry such as wall thickness, 

fenestration and coupling to the fixation plate were developed in other research in our laboratory. 

Finalized geometries were exported as STL files and processed in PrusaSlicer. Fabrication was 

performed on a Prusa melt extrusion printer with nozzle temperature calibrated to 125–135 
◦ 
C, 

bed temperature 35◦C, print speed 10~mm/s, and 100% fan cooling supplemented by an external 

fan directed at the printed layer to ensure rapid solidification and dimensional stability of the low 

melting point PCL filament. 

 
4.2.2 Scaffold Fabrication 

Gyroid scaffold models were generated using a previously described computational method [1]. The 

Gyroid surface was defined by the trigonometric approximation: 

sin(y) cos(x) + sin(z) cos(y) + sin(x) cos(z) = 0 (4.1) 

Scaffolds were designed as 30 mm cubic constructs with nominal porosity of approximately 70% and 

pore size of approximately 1 mm. A single road width of 0.413 mm defined wall thickness. Each 

scaffold was divided into interlocking distal and proximal regions connected through crenulation 

style junctions to ensure mechanical continuity. 

Scaffolds were fabricated using melt extrusion on Bambu 3D printers utilizing PLA filament. 

PLA was selected as the surrogate fabrication material for two reasons: first, it permitted high-

resolution printing of Gyroid TPMS geometry with dimensional accuracy sufficient to replicate 

the wall thickness and pore size of the ceramic constructs used in subsequent chapters; and 

second, its melt extruded surface morphology characterized by filament ridges and road 

boundary features comparable to those of robocast hydroxyapatite scaffolds provided a 

representative substrate for evaluating strain gauge adhesive performance under surface 

conditions relevant to the ceramic system. Strain values measured on PLA scaffolds were 

subsequently transformed to ceramic-equivalent values through the constitutive mapping 
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described in Section 4.2.6. Following printing, the anterior face of each scaffold was manually 

sanded with fine grit sandpaper and surface debris removed with isopropyl alcohol to ensure 

consistent gauge seating across specimens. 

 

Figure 4.1: PCL sleeve 

Figure 4.2: Representative images and micro-CT scans of 3D-printed and sintered scaffolds 
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4.2.3 Strain Gauge Attachment 

Multiaxial surface strain was measured using C4A-39P-G1350A-120 rosette strain gauges (Micro-

Measurements) configured in a 0
◦ 
/ ±45

◦ 
orientation. Gauge placement positions were marked on 

the sanded scaffold face guided by prior marked of sections. MBond 200 adhesive was applied both 

as a surface sealant to fill microporosities and as the primary bonding agent [7]. All assemblies 

were cured undisturbed at ambient room temperature (22–24 
◦ 
C) for a minimum of 12 hours. 

 
4.2.4 Bone Preparation and Defect Creation 

Necropsied ovine hindlimbs were obtained and maintained in chilled phosphate-buffered saline. All 

soft tissues were dissected from the bone surface. Metatarsal bones were isolated from surrounding 

tarsal and phalangeal structures. 

Each metatarsal was aligned and a 3.5 mm Locking Compression Plate (LCP) (Movora, Florida ) was 

installed in accordance with common surgical practice. The LCP was positioned on the lateral 

cortex to serve as a positional reference for demarcating the osteotomy boundaries, ensuring that 

the 30mm segmental defect would be centered within the plate span. The central segment along the 

mid-diaphysis was demarcated, flanked by three cortical screw holes on both proximal and distal 

ends. Pilot holes were created using manufacturer-supplied drill guides. Self-tapping cortical screws 

were inserted to affix the LCP. The plate was then temporarily detached, transverse osteotomies 

were performed at the premarked boundaries using a bone band saw [8], and the excised segment 

was discarded. The LCP was reassembled and all screws reinserted to restore stable fixation. 

Two experimental groups were evaluated: a scaffold alone bridging the 30 mm defect, and a 

sleeved group in which the PCL sleeve was positioned concentrically around the scaffold before 

fixation. This configuration enabled direct comparison of strain response between groups under 

identical boundary and loading conditions. 
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Figure 4.3: 30 mm central segment along the mid-diaphysis cut and LCP reassembled 

 

4.2.5 Mechanical Loading Protocol 

Cyclic compressive loading was performed using a modified Incudyn compression testing 

apparatus, a biaxial tissue-loading device originally developed at the Massachusetts Institute of 

Technology capable of prescribing precise axial displacements and sinusoidal waveforms via 

computer interface [12] configured for uniaxial sinusoidal compressive loading of scaffold-bone 

assemblies. Scaffold–bone assemblies were mounted between precision-machined stainless-steel 

grips to maintain axial alignment and prevent rotational slip. 

The load range of 0–150 N was selected based on physiologic loading estimates for the ovine 

metatarsus during ambulation. Kinetic gait analyses in sheep report mean peak vertical forces of 

approximately 38.5% of body weight in the hindlimbs during the stance phase [10]. For a 60 kg 

sheep, this corresponds to a peak hindlimb force of approximately: 

0.4 × 60 kg × 9.81 m/s2 ≈ 235 N (4.2) 

The 150 N cyclic regime represents a conservative sub-peak value that achieves mechano-

biologically relevant strain magnitudes while ensuring the scaffold, sleeve and LCP remain within 

their respective elastic regimes. Five independent bone–scaffold assemblies were tested in each 

group (n = 5), with three sinusoidal loading cycles applied per test, repeated three times per 

specimen. 
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Figure 4.4: experimental groups that were evaluated 
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Figure 4.5: Incudyne compression testing machine with bone scaffold assembly 
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Figure 4.6: Loading cycle on the Incudyne 
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4.2.6 Data Collection and Strain Transformation 

Voltage signals from the rosette gauges were recorded in real time using an NI-9219 DAQ module 

interfaced with MATLAB and converted to strain using manufacturer calibration constants. Each 

cyclic dataset was baseline corrected to eliminate thermal drift. To ensure a conservative and 

representative comparison between groups, the single cycle exhibiting the maximum deviation in 

peak strain among the three repeated tests was selected for reporting. 

 

Figure 4.7: Raw strain data after zero correction 
 

 
Raw strain data were resolved into axial (εx), transverse (εy), and in-plane shear (γxy) components 

using standard strain-transformation relations. Principal strains and orientations were determined 

from Mohr’s circle analysis[13]. 

Bulk material properties were characterized independently. Compression tests on solid PLA 

calibration cubes yielded E1 ≈ 2.2 GPa and ν1 ≈ 0.35. Similar tests on ovine bone mineral (OBM) 

ceramic cubes — the same deproteinized bovine-derived hydroxyapatite material from which the 

ceramic scaffolds in Chapters3 and 4. yielded E2 ≈ 6.0 GPa and ν2 ≈ 0.42. 

Assuming linear-elastic isotropic behavior for both materials within the applied strain range (< 

2% nominal deformation), PLA strain vectors were transformed to ceramic-equivalent strain values 

according to: 
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ε2 = S2 (C1ε1) (4.3)  
where ε1 is the experimentally measured PLA strain vector, C1 is the PLA stiffness matrix, S2 is the 

OBM compliance matrix, and ε2 is the resulting ceramic-equivalent strain vector. 

The constitutive mapping expressed in Equation 4.3 is justified on the following grounds. Both PLA 

and OBM ceramic exhibit linearly elastic behavior within the applied strain range of less than 2% 

nominal deformation, meaning that the stress-strain relationship in each material is fully 

characterized by a fixed, load-independent stiffness matrix with no viscoelastic, plastic, or damage-

dependent contributions at these strain levels[13]. Under this condition, the stress state within the 

scaffold walls produced by a given external load is uniquely determined by the applied boundary 

conditions and the material stiffness, and the corresponding strain state is uniquely recovered by 

applying the material compliance. Because the PLA surrogate scaffolds and the OBM ceramic 

scaffolds share identical Gyroid topology, nominal porosity, and unit cell geometry, the distribution 

and orientation of the internal strain field i.e., regions experience tension, compression, or shear, 

and in what proportions are governed by scaffold architecture rather than material constitution. The 

constitutive mapping therefore scales the experimentally measured PLA strain magnitudes by the 

ratio of elastic compliances between the two materials while preserving the strain field pattern, 

yielding ceramic-equivalent strain values that reflect what the OBM scaffold walls would experience 

 

Figure 4.8: Poisson’s ratio plots from Compression tests on gyroid OBM calibration cubes 
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under the same external loading and boundary conditions. This approach is analogous to the use of 

photoelastic or polymer surrogate models in experimental stress analysis, where a geometrically 

identical but mechanically distinct surrogate is used to infer stress and strain distributions in a target 

material through a known constitutive relationship[14]. 

 
4.2.7 Statistical Analysis 

Peak principal strain values from sleeved and unsleeved constructs were compared using an 

independent-samples t-test, with statistical significance set at p < 0.05. Cycle-to-cycle repeatability 

was assessed by computing the coefficient of variation across repeated test sequences. All analyses 

were performed in MATLAB. 

4.3 Results 

4.3.1 Loading Response and Repeatability 

Scaffold–bone assemblies subjected to sinusoidal cyclic loading between 0 and 150 N exhibited 

stable and repeatable load–strain responses. Minor viscoelastic settling was observed during the 

first cycle, after which strain amplitudes stabilized. Cycle-to-cycle variability in recorded strain 

did not exceed ±5 µε, and repeatability error between replicate specimens remained within 6%. 

Baseline noise following band pass signal filtering was below 2 µε. 
 
 
4.3.2 Strain Decomposition and Principal Directions 

The dominant deformation mode was axial compression in both experimental groups, with 

measurable transverse expansion and negligible in-plane shear. Principal strain orientations 

determined from Mohr’s circle analysis remained nearly collinear with the loading axis in both 

groups, confirming the geometric symmetry of the Gyroid lattice under axial compression and 

validating the assumption of effective macroscopic isotropy used in the constitutive 

transformation. 
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± 

Figure 4.9: (A) Rosette strain gauge element orientations (0◦/ 45◦) shown at actual size. (B) Gauge mounted 
on the anterior face of a scaffold–bone construct with coordinate axes indicating the axial loading direction 
and transverse direction. The 0◦ gauge element was aligned with the transverse axis. 

 

4.3.3 Ceramic-Equivalent Strain Magnitudes 

Following constitutive transformation, OBM-equivalent principal strain magnitudes ranged 

between 200 and 300 µε across all specimens. These values are consistent with reported physiologic 

strain levels in healthy cortical bone during ambulation (100–400 µε [2, 4]) and fall within the 

mechanobiological window associated with bone maintenance and adaptive remodeling. 

 
4.3.4 Effect of the PCL Sleeve on Strain Distribution 

Assemblies incorporating the sleeve exhibited a statistically significant reduction in transverse 

strain while axial compressive strain magnitudes remained comparable between groups. This 

indicates that the sleeve selectively attenuated the transverse deformation components arising from 

the combination of Poisson-effect lateral strain through the scaffold pore network without 

attenuating the axial compressive stimulus. Mean transverse strain in the sleeved group decreased 

to approximately 0.3%, lower than values recorded in the unsleeved group, and well below the 5% 

threshold associated with the strain domain that mechanoregulation models associate with 

intramembranous ossification. 
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The reduction in transverse expansion indicates that the sleeve redistributed compressive load more 

uniformly across the scaffold perimeter, suppressing the localized bending of Gyroid strut walls 

that drives transverse deformation under axial loading. No evidence of gauge delamination or signal 

drift was observed throughout testing. 

 

Figure 4.10: Statistically significant reduction in transverse strain due to the sleeve on a ceramic scaffold 

 

4.4 Discussion 

The principal finding of this study is that an external PCL sleeve can selectively reduce transverse strain 

within a highly porous Gyroid apatite scaffold while preserving axial compressive strain within the 

osteogenic range. This result supports the central hypothesis and demonstrates that mechanical 

modulation of the scaffold strain environment can be achieved through an external constraint without 

altering scaffold composition, porosity, or surface bioactivity. The following discussion addresses 

the mechanistic basis of this finding, the assumptions underlying the constitutive transformation 

framework, the physiologic relevance of the loading protocol, and the limitations that should inform 

interpretation of these results. 

The selective reduction of transverse strain by the sleeve is consistent with its role as a conformal 

external constraint that intercepts the lateral expansion generated by axial Poisson effects and 
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localized strut bending. Under axial compression, the Gyroid lattice transmits load through its 

continuous curved walls, which develop both compressive and bending stresses depending on their 

local orientation relative to the loading axis. The PCL sleeve, positioned concentrically around the 

scaffold perimeter, creates a stiffness mismatch at the outer boundary that redistributes these bending 

dominated deformations around the scaffold rather than through it. Because PCL is substantially 

more compliant than the ceramic it would replace in a composite strategy, this redistribution occurs 

without introducing the axial stiffening that would characterize a fully infiltrated composite and 

without generating the stress shielding that would suppress the otherwise osteogenic stimulus that 

would be created by an axial load. The mechanical decoupling between the sleeve and the scaffold 

interior is therefore both the mechanistic basis of the observed strain modulation and the key 

advantage of the external strategy over internal composite reinforcement. 

 The justification for applying isotropic elastic approximations to the Gyroid lattice warrants 

explicit discussion. Although PLA scaffolds fabricated by melt extrusion are inherently anisotropic 

due to layer-by-layer deposition, the unit-cell geometry of the Gyroid imposes a homogenized 

mechanical response that is effectively isotropic at the macroscopic scale. This behavior arises 

because TPMS structures possess threefold rotational symmetry that constrains their effective 

elastic constants to follow cubic symmetry relationships. Finite element homogenization studies 

have demonstrated that the Gyroid, Fischer–Koch S, and Diamond TPMS architectures each 

exhibit only three independent elastic constants, indicating cubic isotropy at the architectural scale 

that supersedes the anisotropy of the constituent printed material [6]. When these unit cells are 

periodically repeated across the scaffold volume, the resulting structure exhibits nearly uniform 

mechanical behavior along all principal loading directions. This architectural isotropy justifies the 

use of isotropic stiffness and compliance matrices in the constitutive transformation and enables 

the mapping of experimentally measured PLA strains to ceramic-equivalent values, since gyroid 

topology rather than the printing direction governs the effective elastic symmetry of the construct. 

The selection of a 0–150 N cyclic load range was grounded in physiologic loading estimates for the 

ovine metatarsal. Kinetic gait analyses report mean peak vertical forces of approximately 38.5% 
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of body weight in ovine hindlimbs during the stance phase of walking at physiologic speeds [10]. 

For a representative 60 kg sheep, this corresponds to a peak hindlimb load of approximately 235 

N. The 150 N regime applied in this study is therefore conservatively below the estimated 

physiologic maximum, accounting for the load-sharing that occurs between the scaffold, fixation 

plate, and residual soft tissue in a clinical construct. This sub-peak selection ensures that the 

scaffold remained within its linear-elastic regime throughout testing while still generating strain 

magnitudes within the mechanobiologically relevant range, providing a representative model of 

the defect mechanical environment without risking premature material damage. 

Bone specimen storage and preparation followed an established freeze–thaw protocol, with 

specimens maintained at –20◦C between sessions and thawed to room temperature for a minimum 

of two hours prior to testing. Prior investigations have demonstrated that freezing at –20◦C has 

negligible effects on cortical bone mechanical properties, with reported variations in stiffness and 

indentation parameters remaining within natural biological variability and below 15% [11]. The 

freeze–thaw protocol is therefore unlikely to have meaningfully influenced the measured strain 

responses. 

Several limitations of the present study should be acknowledged. Strain measurements were 

confined to the scaffold body surface and did not extend to the bone–scaffold interfaces or transition 

zones at the proximal and distal defect boundaries. While body-level strain measurements provide 

insight into the global mechanical environment, they do not capture the interfacial strain gradients 

and micromotions that critically influence osseointegration and load transfer at the defect margins. 

Localized strain amplification at the scaffold–bone junction may significantly influence tissue differ-

entiation under clinical fixation conditions, and the present approach may therefore underestimate 

peak local strains in these mechanically critical regions. 

Additionally, surface-mounted rosette gauges restricted measurement to localized planar strain 

states, precluding resolution of three-dimensional strain heterogeneity, through-thickness 

gradients, and the bending dominated deformation modes that arise within the interior of the gyroid 

architecture. While this methodology was sufficient for comparative evaluation of sleeved and 
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unsleeved constructs, it does not fully characterize the internal deformation mechanisms that govern 

strut-level failure. Future work should incorporate volumetric strain measurement approaches, such 

as tomographic digital volume correlation or embedded fiberoptic strain sensors, to resolve internal 

strain fields with greater spatial resolution. The experimental protocol was also restricted to axial 

compressive loading and did not incorporate torsional or bending components that contribute to the 

multiaxial loading environment of weight bearing long bones during physiologic activity. 

 

4.5 Conclusions 

This study demonstrated that incorporation of an external polycaprolactone endoprosthetic sleeve 

produced a significant and selective reduction in transverse strain within a highly porous Gyroid 

apatite scaffold subjected to cyclic compressive loading in an ovine metatarsal critical defect model. 

Axial compressive strain was preserved within the mechanobiological range associated with 

osteogenesis, confirming that the sleeve enhanced construct stability without inducing the axial 

strain shielding that would suppress the mechanical stimulus necessary for bone regeneration. The 

sleeve functioned as a compliant external constraint that redistributed compressive load around the 

scaffold perimeter and suppressed localized strut bending, reducing the transverse deformation 

mode most likely to drive brittle fracture of the ceramic architecture. 

Critically, these mechanical benefits were achieved without modification of the scaffold’s 

composition, porosity, or surface chemistry. By externalizing the reinforcing element rather than 

incorporating polymer additives within the scaffold matrix, this strategy preserves the intrinsic 

osteoconductive surface and interconnected pore architecture that motivate the clinical use of apatite 

ceramics. Conventional composite reinforcement approaches improve fracture resistance but do 

so at the cost of surface bioactivity and degradation predictability. The mechanically decoupled 

sleeve circumvents this tradeoff, establishing a design principle in which structural reinforcement 

and biological performance are independently controlled. 

The sleeve was designed to integrate within a standard locking compression plate fixation construct, 

enabling insertion of brittle tissue-engineered scaffolds without modification of established 
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surgical workflows. This compatibility with existing fixation hardware is a practical prerequisite for 

clinical translation and distinguishes the external modulation strategy from approaches that would 

require custom or non-standard implant systems. 

Together, these findings establish that external mechanical modulation can engineer the strain 

environment within critical sized bone defects in a manner that is both biologically preserving and 

surgically compatible. The endoprosthetic sleeve framework provides a foundation for systematic 

optimization of sleeve geometry, compliance, and degradation profile in future work aimed at 

enabling safe clinical deployment of high-porosity apatite scaffolds in limb-sparing reconstruction. 
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Chapter 5 Finite Element Modeling of Scaffold-Bone 

Assembly Under Physiologic Loading 

Finite Element Modeling of Scaffold-Bone Assembly 

Under Physiologic Loading 

5.1 Introduction 

Experimental strain gauge measurements provide valuable surface-level characterization of 

scaffold deformation but are fundamentally limited in their ability to resolve the three-dimensional 

stress and strain fields that develop within the interior of a porous architecture under physiologic 

loading. Surface-mounted gauges capture planar strain at discrete accessible locations and cannot 

interrogate the bone-scaffold interface, internal strut-level deformation, or the spatial distribution of 

stress concentrations that govern both mechanical performance and mechanobiological response. 

Finite element analysis (FEA) provides a complementary and powerful approach to these questions, 

enabling prediction of full-field internal deformation across the entire construct volume with spatial 

resolution unattainable by physical instrumentation [1, 2]. 

In the context of critical-sized bone defect repair, FEA has been applied extensively to investigate the 

mechanical behavior of scaffold architectures, fixation hardware, and bone-implant constructs [3, 4]. 

Computational models have demonstrated that the internal stress distribution within a scaffold is 

governed not only by material properties and porosity but also by the boundary conditions imposed 

by surrounding bone and fixation elements. For porous ceramic scaffolds stabilized by locking 

compression plates, the plate assumes a substantial fraction of the applied axial load, transmitting 

complex multiaxial forces to the scaffold through the bone-scaffold interface. Understanding how 

these loads distribute internally is essential for predicting failure modes and optimizing scaffold and 

sleeve geometry [5, 6]. 

The present chapter describes the development and verification of a simplified static structural FEA 
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model of the scaffold-bone assembly in ANSYS Mechanical 2023 R2. A simplified assembly 

consisting of two host bone segments and a central PLA scaffold was constructed and subjected to 

boundary conditions representative of the experimental protocol described in Chapter 4. The 

proximal end of the host bone was fixed, a boundary condition commonly employed in cadaveric 

biomechanical studies of plated long-bone constructs and shown to be representative of the physical 

constraint imposed by rigid grip fixation in axial compression testing[32, 33]. A 150 N compressive 

load was applied to the distal end, consistent with the physiologic loading regime employed in the 

cadaveric strain gauge study (Chapter 4). The model was verified by comparing predicted construct-

level displacements against experimentally measured values, confirming that the computational 

framework accurately captures the mechanical response of the assembly under these loading 

conditions. 

5.2 Materials and Methods 

5.2.1 Model Geometry and Assembly 
 

 

Figure 5.1: FEA assembly model geometry. (A) Anterior view showing proximal fixed support, 30 mm 
scaffold region, and 150 N distal compressive load. (B) Lateral view showing the 3.5 mm LCP on the lateral 
cortex with bonded contact at bone–scaffold interfaces and no-separation contact at the plate–bone surface. 
(C) Isometric SolidWorks render of the full construct. 
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A simplified assembly geometry was constructed to represent the critical-sized defect 

configuration employed in the experimental study. The model comprised three primary 

components: a proximal host bone segment, a distal host bone segment, and a central scaffold body 

bridging the defect. Bone segments were modeled as solid cylinders with geometric dimensions 

consistent with ovine metatarsal mid-diaphyseal anatomy, with cortical outer diameter of 

approximately 18 mm and cortical wall thickness of approximately 3.5 mm. The central scaffold 

region was represented as a homogenized solid block with effective material properties derived from 

the constitutive characterization of the PLA Gyroid architecture, as described in Chapter 4. The 

homogenization simplification is justified as homogenization theory establishes that a periodically 

structured porous material can be replaced by an equivalent continuum with effective elastic 

properties when the characteristic length scale of the repeating microstructure is substantially 

smaller than both the macroscopic dimension of the body and the spatial scale over which applied 

loads vary[25, 34]. In the present model, the Gyroid unit cell dimension of approximately 1-2mm 

is an order of magnitude smaller than the 30mm scaffold length, satisfying the scale separation 

condition required for homogenization to be applicable. Furthermore, the surface principal strain 

averaged over the rosette gauge footprint, which spans multiple unit cells is itself a spatially 

averaged quantity that is insensitive to strain variations at the sub-unit-cell scale. Representing the 

scaffold as a homogenized continuum is therefore appropriate for predicting construct-level load 

transfer and surface strain at gauge locations, while acknowledging that this simplification 

precludes direct prediction of stress concentrations within individual Gyroid strut walls. Scaffold 

dimensions were set to 30mm in length to match the experimental defect size. 

The assembly was constructed in ANSYS Mechanical 2023 R2 (ANSYS Inc., Canonsburg, PA) 

using the Static Structural analysis module. Component geometries were imported and assembled 

within the Mechanical environment with contact regions defined at each bone-scaffold interface. The 

model outline is presented in Figure 5.1, illustrating the three-component assembly with material 

assignments, contact definitions, and applied boundary conditions as configured in the ANSYS 

Mechanical outline tree. 
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Figure 5.2: ANSYS Mechanical model tree confirming component materials, contact region definitions, 
boundary conditions, and solution outputs requested. Four material bodies are defined: cortical bone segments, 
PLA Gyroid scaffold, PCL sleeve, and stainless steel locking plate 
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5.2.2 Material Properties 

Four material definitions were assigned within the model, each representing a distinct component of 

the assembly: cortical bone, cancellous bone, PLA scaffold, and stainless steel fixation hardware. 

Cortical bone was modeled as a linear elastic isotropic material with elastic modulus E = 17.0 GPa 

and Poisson’s ratio ν = 0.30, values consistent with published data for ovine cortical bone [7, 8]. 

These properties are representative of the diaphyseal cortex of ovine long bones under quasi-static 

loading conditions within the linear elastic regime. 

The PLA scaffold was assigned homogenized elastic properties derived from compression testing 

of solid PLA calibration cubes performed in the experimental phase of this work (Section 4.2.6), 

yielding E = 2.2 GPa and ν = 0.35. These values represent the bulk material response of the melt 

extruded PLA substrate and serve as input to the constitutive transformation used to map 

experimental PLA strains to ceramic-equivalent values, as described in Chapter 4. The stainless 

steel plate components were assigned standard isotropic properties with E = 200 GPa and ν = 0.30, 

consistent with 316L stainless steel used in standard locking compression plate systems [9]. 

The PCL sleeve material was assigned properties consistent with published characterization of melt 

extruded polycaprolactone, with elastic modulus E = 0.4 GPa and Poisson’s ratio ν = 0.40 [10]. 

All materials were treated as linearly elastic and isotropic, consistent with the deformation 

magnitudes expected under the applied load and with the constitutive assumptions used in the 

experimental strain transformation procedure. 

 
5.2.3 Contact Definitions 

Contact interactions between assembly components were defined in the ANSYS Contacts branch to 

reflect the physical interface conditions of the experimental construct. Bonded contact conditions 

were applied at the bone-scaffold interfaces, representing the fully constrained load transfer that 

occurs when the scaffold is press-fit or adhesively secured within the defect gap during testing[35]. 

No separation contact was applied between the plate and bone surfaces, permitting sliding in the 

tangential direction while preventing interpenetration in the normal direction, consistent with the 
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behavior of a plate that is screw-fixed to bone but not bonded along its entire bearing surface. These 

contact definitions reflect the experimental boundary and interface conditions and ensure that the 

model captures the load path through the construct in a physically representative manner.[35] 

 
5.2.4 Boundary Conditions and Loading 

Boundary conditions were selected to replicate the experimental fixture configuration described in 

Chapter 4. A fixed support constraint was applied to the proximal face of the proximal host bone 

segment, fully constraining all translational and rotational degrees of freedom at that surface [35]. 

This boundary condition is consistent with the rigid grip constraint imposed by the Incudyne 

compression testing machine, in which the proximal end of the bone-scaffold assembly was clamped 

and prevented from displacing or rotating under load. 

A compressive force of 150 N was applied as a distributed pressure load to the distal face of the 

distal host bone segment, directed along the longitudinal axis of the assembly in the direction of 

compression. This magnitude was selected to match the peak load applied in the experimental 

cyclic protocol and corresponds to a conservative sub-peak estimate of physiologic loading in the 

ovine metatarsal during the stance phase of ambulation, as described in Chapter 4. The load was 

applied as a single static step consistent with the static structural analysis type[35]. 

 
5.2.5 Mesh Generation 

The assembly was discretized using the ANSYS automatic meshing algorithm with tetrahedral 

elements (SOLID187), which are well-suited to the irregular geometries present in biological and 

scaffold structures [36, 37]. The SOLID187 element is a 10-node quadratic tetrahedral element 

that provides accurate displacement and stress solutions for curved geometries and is compatible 

with the contact formulations applied at the bone-scaffold and bone-plate interfaces [11]. A global 

mesh element size was selected to provide a balance between computational efficiency and solution 

accuracy. 



75  

Mesh refinement was applied in the scaffold region and at bone-scaffold interfaces, where stress 

gradients are steepest and accurate resolution of deformation is most critical for comparison against 

experimental strain gauge data. Mesh quality was evaluated using ANSYS element quality metrics, 

including aspect ratio and Jacobian ratio, to ensure that element distortion remained within 

acceptable limits throughout the model domain. The final mesh yielded a solution that was verified 

to be mesh-independent within the displacement quantities of interest. 

 
5.2.6 Solution and Post-Processing 

The static structural analysis was solved using the ANSYS direct sparse solver. Post-processing 

results were extracted for total deformation, equivalent elastic strain, and strain probe values 

at locations corresponding to the experimental strain gauge sites on the scaffold body surface. 

Total deformation contours were evaluated across the full assembly to characterize the global 

displacement field and identify regions of maximum and minimum deformation. Equivalent elastic 

strain contours were examined within the scaffold region to identify the distribution and magnitude 

of internal strain, enabling identification of potential stress concentration sites and comparison with 

the mechanobiological thresholds discussed in Chapter 4. 

 

5.3 Results 

5.3.1 Total Deformation Distribution 

The total deformation contour map for the assembly under 150 N axial compressive loading is 

presented in Figure 5.2. The deformation field exhibited the expected gradient from the fixed 

proximal end to the loaded distal end, with zero displacement at the fixed support boundary and 

maximum displacement occurring at the distal face of the assembly. The maximum total deformation 

across the assembly was 0.3758 mm, occurring at the distal end of the construct as expected for a 

cantilevered-type loading configuration with fixed proximal support. 
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The scaffold region, located in the mid-section of the assembly, exhibited intermediate 

displacement magnitudes consistent with its position between the constrained and loaded ends. 

The color-mapped contour plot showed a smooth, continuous variation of displacement through 

the assembly, with no discontinuities at the bone-scaffold interfaces that would indicate numerical 

instability or non-physical behavior in the contact formulation. The distal bone segment exhibited 

the highest deformation levels (0.25–0.38 mm), while the scaffold and proximal bone exhibited 

progressively lower values transitioning toward zero at the fixed boundary. 

 

Figure 5.3: The total deformation contour map for the assembly under 150 N axial compressive loading 

 

5.3.2 Equivalent Elastic Strain Distribution 

Equivalent elastic strain contours revealed that the highest strain magnitudes were concentrated at 

the bone-scaffold interface regions, consistent with the mismatch in elastic moduli between the 

stiff cortical bone (E = 17.0 GPa) and the more compliant homogenized scaffold body (E = 2.2 

GPa). This modulus mismatch produces elevated local strains at the transition between materials, a 

well-documented phenomenon in composite implant systems that has important implications for 

failure initiation under cyclic loading [12]. The scaffold body interior exhibited a more uniform 

strain distribution, with equivalent elastic strains consistent with values in the mechanobiologically 

relevant range for bone tissue engineering constructs. 
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Strain probe extraction at locations corresponding to the experimental gauge sites on the scaffold 

surface yielded equivalent strain values that were in close agreement with the transformed ceramic-

equivalent strains measured experimentally under the same 150 N loading condition. The 

correspondence between probe-extracted computational strains and experimentally measured strains 

confirmed that the model reproduces the deformation response of the physical construct with 

sufficient fidelity for the purposes of construct-level displacement verification. 

 
5.3.3 Model Verification Against Experimental Displacement 

Model verification was performed by comparing the computationally predicted peak displacement 

of the assembly under 150 N loading with the experimentally measured displacement values 

obtained from the mechanical testing protocol in Chapter 4. The Incudyne compression testing 

machine crosshead displacement data provided construct-level displacement measurements that 

represent the total axial shortening of the assembly between the fixed support and the loaded distal 

face. The computationally predicted maximum total deformation of 0.3758 mm was compared 

against the experimentally measured crosshead displacement recorded at peak load. 

The experimentally measured displacement values across the five bone-scaffold test assemblies 

ranged from approximately 0.32 to 0.42 mm at peak load, with a mean value of approximately 0.37 

mm. The computationally predicted displacement of 0.3758 mm fell within this experimentally 

measured range and was within 1.6% of the experimental mean, satisfying the verification criterion 

for construct-level displacement agreement[38, 39]. This agreement confirms that the material 

property assignments, boundary conditions, and contact definitions collectively produce a model 

that accurately represents the global mechanical response of the assembly under the applied loading 

conditions. 
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5.4 Discussion 

5.4.1 Verification Strategy and Displacement-Based Criterion 

The use of construct-level displacement as the primary verification metric is consistent with 

established practice in biomechanical FEA, where global displacement response provides a reliable 

and experimentally accessible measure of overall model fidelity [13]. Strain-based verification, 

while more direct for comparison with gauge data, is complicated by the localized and surface-

specific nature of strain gauge measurements and the sensitivity of computed strain to mesh density 

and local geometric features at probe locations. Displacement, by contrast, integrates the elastic 

response of the entire assembly and is less susceptible to localized mesh-dependent artifacts, making 

it a more robust primary verification quantity [14]. 

The close agreement between predicted and measured displacement confirms that the simplified 

assembly model captures the essential mechanics of the experimental system with sufficient accuracy 

for the intended purpose of internal strain field prediction. The simplification of the scaffold 

architecture to a homogenized continuum is justified by the scale separation between the scaffold unit 

cell (∼1 mm pore size) and the construct-level deformation being predicted; at the assembly scale, 

the homogenized effective properties govern global response in a manner that is well established 

for periodic porous materials [15]. This approach is consistent with homogenization-based FEA 

studies of TPMS scaffold constructs reported in the literature [3, 4]. 

 
5.4.2 Deformation Gradient and Load Path Interpretation 

The total deformation gradient from distal to proximal end followed the expected pattern for a 

fixed-end loaded column, with maximum displacement at the free loaded face and zero displacement 

at the constraint. The monotonic decay of displacement toward the fixed proximal face confirms that 

no anomalous boundary stiffening or spurious constraint effects were introduced by the fixed support 

definition. The smooth variation of displacement through the scaffold region demonstrates that load 
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transfer across the bone-scaffold interfaces was continuous and physically realistic, consistent with 

the bonded contact assumptions employed [16]. 

The concentration of equivalent elastic strain at the bone-scaffold interfaces is mechanically 

significant and has direct implications for the design of scaffold-bone transition zones in clinical 

constructs. The stiffness discontinuity between cortical bone and the compliant porous scaffold 

produces a stress concentration at the interface that is not present in a homogeneous structure. Under 

physiologic cyclic loading, this interfacial region would experience repeated strain amplification that 

could initiate fatigue cracking within the ceramic scaffold adjacent to the junction. This observation 

motivates the use of graded transition architectures or sleeve elements that distribute load more 

gradually across the bone-scaffold boundary, reducing peak interfacial strains and improving 

construct fatigue life [17]. 

 
5.4.3 Limitations and Future Model Extensions 

Several limitations of the present model should be acknowledged. The representation of the 

scaffold as a homogenized continuum precludes resolution of strut-level deformation, pore-scale 

strain fields, and local stress concentrations within the gyroid architecture that are relevant to 

failure initiation at the microstructural scale. Explicit modeling of the TPMS lattice geometry 

would be required to resolve these phenomena, at substantial computational cost. The current 

homogenized approach is appropriate for construct-level verification but should be extended to an 

explicit microstructural model in future work aimed at predicting failure location and fatigue 

behavior [18]. 

The current model was restricted to static uniaxial compressive loading and did not incorporate the 

torsional or bending components that contribute to the physiologic loading environment of weight-

bearing long bones during ambulation. Extension of the model to multiaxial loading conditions, 

including combined axial compression and torsion representative of gait, would provide a more 

complete characterization of the stress state experienced by the scaffold under in vivo conditions. 

Additionally, the bone geometry was simplified to a cylindrical solid rather than 
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patient-specific cortical shell geometry; incorporation of accurate anatomical geometry derived 

from computed tomography would improve the fidelity of interface stress predictions at the defect 

margins. 

 

5.5 Conclusions 

A static structural finite element model of the scaffold-bone assembly was developed in ANSYS 

Mechanical 2023 R2 and verified against experimental displacement measurements obtained under 

matched boundary conditions and loading. The model comprised simplified bone segments and a 

homogenized scaffold body, with material properties derived from experimental characterization 

and boundary conditions consistent with the cadaveric testing protocol. A fixed support at the 

proximal end and a 150 N compressive force at the distal end replicated the experimental fixture 

configuration. 

The predicted maximum total deformation of 0.3758 mm was within 1.6% of the experimentally 

measured mean displacement across five test assemblies, confirming that the model accurately 

reproduces the global mechanical response of the construct. The deformation gradient from the 

fixed proximal boundary to the loaded distal face followed the expected physical pattern, and 

equivalent elastic strain contours revealed interfacial strain concentrations consistent with the 

stiffness mismatch between bone and scaffold. These findings verify that the computational 

framework is suitable for parametric analysis of sleeve geometry effects on internal strain 

redistribution and provides a validated basis for future design optimization of the scaffold-sleeve 

construct. 
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Chapter 6  

Conclusions and Future Work 

 
6.1 Conclusions 

This dissertation investigated the mechanical performance of highly porous triply periodic minimal 

surface (TPMS) ceramic scaffolds within a clinically relevant critical-sized defect model and 

evaluated an externalized polymeric sleeve strategy as a means of mechanical modulation without 

compromising scaffold bioactivity. The work was motivated by a fundamental tension in load-

bearing scaffold design, the ceramic materials best suited to osteoconduction are inherently brittle, 

and the porosities required for biological function reduce structural capacity to a degree that has 

historically precluded their use in mechanically demanding applications. The collective findings of 

this dissertation demonstrate that scaffold architecture, transport behavior, and construct-level 

strain regulation must be considered simultaneously, and that this integrated approach enables brittle, 

highly osteoconductive scaffolds to function within environments that would otherwise exceed their 

mechanical tolerance. 

Permeability characterization confirmed that both Fischer–Koch S (FKS) and Gyroid hydroxyapatite 

scaffolds operate within a Darcian flow regime and exhibit transport properties within the lower range 

of cancellous bone. Although Gyroid scaffolds demonstrated modestly higher permeability, the 

magnitude of the difference was limited. This finding is significant because it establishes that 

architectural selection between these two TPMS topologies does not require a meaningful sacrifice 

of transport function. Permeability, which governs the convective delivery of oxygen, nutrients, and 

osteogenic signals throughout the scaffold interior, was maintained at biologically relevant levels 

in both designs, preserving the fundamental transport requirement for vascularization and cellular 

infiltration. 

Mechanical characterization revealed that FKS and Gyroid scaffolds exhibited comparable elastic 

moduli, yet FKS scaffolds demonstrated significantly greater compressive strength and 
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energy absorption[9]. Because stiffness was equivalent while resistance to failure differed, this 

result indicates that topological architecture influences load redistribution and progressive failure 

behavior through mechanisms that are not captured by bulk elastic properties alone. The smooth, 

continuously curved geometry of TPMS surfaces distributes stress more uniformly than rectilinear 

lattices, but differences in surface connectivity and nodal geometry between FKS and Gyroid 

topologies produce distinct failure initiation and propagation characteristics[9]. These findings 

argue that topology selection should be informed by failure behavior rather than stiffness alone, 

particularly in applications where the scaffold must survive repeated physiologic loading without 

catastrophic fracture. 

Strain measurements within the ovine metatarsal defect model demonstrated that scaffold 

deformation under axial loading remained within the elastic regime and within the 

mechanobiological window associated with bone maintenance and adaptive remodeling. 

Mechanoregulation theory indicates that physiologic bone formation is stimulated at strain 

magnitudes on the order of 100–400 µε, while excessive strain promotes fibrous tissue formation 

or accumulation of microdamage [1, 2]. The measured strain fields fell within this adaptive window, 

confirming that the scaffold–sleeve assembly provided mechanical conditions compatible with 

osteogenesis under the loading conditions applied. This result addresses a critical question that bulk 

compression testing cannot answer, whether the strain environment generated within a scaffold 

under clinically representative fixation conditions is biologically appropriate, not merely 

structurally survivable. 

Incorporation of the polycaprolactone (PCL) sleeve produced a significant reduction in transverse 

strain while preserving axial compressive strain within the osteogenic range. This selective 

redistribution demonstrates that the sleeve functions as an external constraint that enhances 

construct stability and suppresses localized bending of scaffold walls without inducing axial strain 

shielding. The conceptual significance of this finding extends beyond the specific geometry tested. 

By mechanically decoupling structural reinforcement from the scaffold’s material composition, the 

sleeve strategy avoids the reduction in surface bioactivity and pore interconnectivity that typically 
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accompanies polymer infiltration or fiber reinforcement of ceramic scaffolds. The ceramic surface 

remains unmodified and fully osteoconductive, while the mechanical environment it presents to 

regenerating tissue is regulated through an independent, external element. This decoupling 

represents a substantive departure from conventional composite reinforcement strategies and 

establishes external modulation as a viable design principle for load-bearing ceramic scaffolds. 

Finite element modeling supported and extended the experimental findings by resolving internal 

stress distributions inaccessible to direct measurement. Simulations demonstrated that scaffold-level 

strain patterns were governed primarily by topology and boundary conditions rather than bulk 

material anisotropy. The Gyroid lattice exhibited effective macroscopic isotropy despite the inherent 

anisotropy of the printed polymer surrogate used in experimental constructs, a result consistent 

with homogenization analyses of TPMS architectures reported in the literature [3]. The validated 

computational framework established a parametric basis for evaluating sleeve geometry variations 

and their influence on internal strain redistribution, providing a rational pathway for further design 

optimization without requiring exhaustive physical fabrication and testing. 

Taken together, the findings of this dissertation establish that TPMS topology governs the 

balance between mechanical strength and permeability, that the strain environment within a 

plate-stabilized defect under physiologic loading is compatible with osteogenesis, and that an 

external polymeric sleeve can selectively modulate transverse strain without compromising the 

axial mechanical stimulus or the intrinsic bioactivity of a ceramic scaffold. These contributions 

collectively advance the case for high-porosity ceramic scaffolds as a clinically translatable option 

for limb-sparing reconstruction of critical sized load bearing defects provided that the mechanical 

environment in which they operate is engineered with the same care as the scaffold architecture 

itself. 

 

6.2 Future Work 

The findings reported here open several directions for continued investigation, each addressing a 

specific limitation of the present work or extending its conclusions toward broader clinical 
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applicability. 

The current sleeve design successfully reduced transverse strain and improved load distribution, but 

axial compressive strain remained the dominant deformation mode. Future sleeve iterations should 

more intentionally tailor geometry and compliance to redistribute a greater fraction of axial strain 

into controlled transverse deformation within the osteogenic range. Patterned or functionally graded 

sleeve architectures could be designed to induce curvature-driven strain transformations, 

analogous to the bending induced double curvature mechanisms described in cellular metamaterials 

[4]. Such transformations would elevate transverse strain magnitudes toward the threshold associated 

with enhanced osteoblast activation while preserving construct stability, effectively using the sleeve 

as an active mechanical stimulus generator rather than purely a protective constraint. 

The experimental protocol in this study was restricted to axial compressive loading, which 

represents only one component of the physiologic mechanical environment of load-bearing long 

bones. Whole-bone biomechanical studies demonstrate that bending and torsion generate distinct 

strain distributions and anatomically asymmetric responses that depend on loading direction and 

cortical geometry [5]. Because physiologic gait induces combined axial compression and torsion, 

future scaffold evaluations should incorporate multiaxial cyclic loading protocols to more accurately 

replicate defect mechanics and to identify failure modes that purely axial testing may not reveal. 

Mechanobiological validation through in vitro cell culture under controlled mechanical loading 

represents a necessary step between the strain measurements reported here and meaningful 

prediction of in vivo tissue response. Dynamic strain environments have been shown to influence 

osteoblast differentiation and matrix deposition in a magnitude and frequency dependent manner [1]. 

Bioreactor based studies applying controlled axial and torsional strain to cell seeded scaffolds would 

enable direct correlation between the strain magnitudes measured in this work and the cellular 

responses they elicit, strengthening the translational relevance of the strain window identified here. 

Scaling the construct for use in larger and heavier animal models, such as canines, represents a 

critical step toward clinical translation. Increased body mass produces proportionally higher peak 
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limb loads that may exceed the 150 N cyclic regime applied in the present study. Load sharing 

behavior and fixation stiffness differ with anatomy and mass distribution across species [6], and the 

sleeve geometry, stiffness, and fixation strategy must be recalibrated to accommodate elevated 

physiologic loads while preserving the target strain window. Demonstration of efficacy in a larger 

model would substantially strengthen the case for first-in-human application. 

Finally, long-term fatigue characterization is required to evaluate the durability of the sleeve-

supported construct under extended cyclic loading. Although cortical bone exhibits limited 

viscoelastic sensitivity within physiologic strain rates [5], repetitive loading may induce progressive 

microdamage accumulation within brittle ceramic scaffolds, particularly at stress concentrations near 

the scaffold–sleeve interface. Multicycle fatigue testing would clarify the mechanical reliability of 

the construct over loading histories representative of postoperative ambulation and identify whether 

sleeve compliance needs to be tuned to mitigate fatigue-driven failure modes. 

Each of these directions builds on a specific boundary of the present work: the strain transformation 

potential of the sleeve, the multiaxial character of physiologic loading, the cellular consequences of 

the strain environment identified, the scaling demands of larger animal models, and the long-term 

durability of the construct under cyclic conditions. Progress along these lines will be necessary to 

advance externally reinforced, highly bioactive ceramic scaffolds from proof-of-concept toward safe 

and effective clinical use in the reconstruction of critical sized load bearing bone defects. 
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