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General Introduction and Aims

General introduction and aims of thesis

Tissue engineering has been defined by Langer and Vacanti in 1993 as an interdisciplinary 
field that applies the principles of engineering and life sciences toward the development 
of biological substitutes that restore, maintain, or improve tissue function 16. However, 
tissue engineering was already performed long before 1993. In fact, the painting Healing of 
Justinian shows the transplantation of a homograft limb dating back to 1440, which is in turn 
a visualization of the legend of Saint Cosmas and Saint Damien from 278 AD 1. The remains 
of the Kennewick man, a 9000 year old preserved skeleton, showed the potential of the 
human body to cope with a foreign body material. A spear tip embedded in his hip, showed 
to be the first known implant, albeit not planned or wanted, to be fused with bone 7. A little 
more recently, from the Mayan time (600 AD) it is known that sea shells were implanted as 
teeth 3 while the Incas used gold and silver for cranial defects 25. The first transplantation of 
bone, was reported in 1668 by Van Meekeren. A piece of dog bone was transplanted into 
the cranium of a human and was reported to be united firmly with the human bone 11. Ollier 
in 1859 discussed and distinguished the differences between auto-, allo- and xenografts 5. 
In autologous bone grafts, a piece of bone is taken from a different site from the patient’s 
body. Benefits of autologous bone grafts are the osteoinductive and -conductive properties 
and houses growth factors and cells without immune or infective diseases. As such it is 
considered the gold standard for bone grafts 22. Limitations exist in donor site morbidity and 
the limited quantity that can be obtained 24. Allografts are alternatives to autografts as the 
donormaterial is derived from humans. The main advantage of allografts is the amount of 
donor material available, however the limitations of allografts are more severe. Potential 
immunologic responses and infective diseases are serious drawbacks and the sterilization 
involved reduces the osteoinductive properties 17. Xenografts are grafts from a different 
species than human. Their availability is virtually unlimited, possess good mechanical 
properties and are osteoconductive. The main limitation is the potential transmission of 
diseases from animal to human 21.

Tissue engineering is therefore a means of providing unlimited quantities of tissue grafts 
without the disadvantages from auto-, allo- and xenografts. It was Barth (1893) that 
postulated that a bone graft acted as a scaffold for new cells to grow in and form tissue 
2. The development of scaffolds for regenerating tissues was initiated and became known 
to the public with the famous tissue engineered ear on the back of a nude mouse 6. It was 
used to prove biocompatibility of the scaffold and mature the tissue. By growing tissue 
engineered cartilage in a synthetic scaffold, the potential of using scaffolds for regenerating 
musculoskeletal tissue was shown. Although in this thesis the focus will be on scaffolds for 
musculoskeletal tissue, tissue engineering scaffolds were and are developed for ureteral 27, 
hepatic 4 and neural regeneration 18 for example.

Musculoskeletal tissue are subjected to biophysical loading and research has shown that 
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cells are susceptible to biophysical loading 14. The stimulation of cells through mechanical 
stretching and compression, showed the ability of directing cell differentiation 9, 23. Fluid flow 
was also shown to be able to direct cell differentiation 15. As such, scaffolds were subjected 
to biophysical loading to direct cell differentiation and improve the quality of the engineered 
tissue 13. The interplay between scaffold properties and biophysical loading on cell behavior 
is the subject of this thesis.

Aims of this thesis and outline

In this section, the outline of this thesis is described and the aim of each chapter discussed. 
In this thesis, the design of a scaffold encompasses the biomaterial used and the architecture 
which is dictated by the pore configuration. The pore configuration comprises the pore size, 
shape and overall geometric shape. The goal of this thesis was to investigate the scaffold 
design on its mechanical properties and subsequently on the cell behavior. In the first 
chapter, a review of the development of numerical biomechanical models is given as these 
are used to predict cell differentiation and tissue formation inside scaffolds. The fabrication 
methods of obtaining scaffolds for tissue engineering properties are highlighted and a choice 
is made with respect to obtaining numerical biomechanical models. The next section reviews 
the possible biomaterials for the chosen fabrication method. The following section discusses 
the biomechanical properties of bone, cartilage and osteochondral constructs as the target 
properties to achieve with the scaffold designs. The chapter is finished with an overview of 
optimization strategies for scaffold designs with FEA.

In chapter 1, the development of biomechanical models is discussed and shown that 
throughout history, the functional biophysical stimulus for cell differentiation and tissue 
formation has changed. In the last decade, the mechano-regulation theory of Prendergast 
is the most often used theory as it showed to predict tissue formation in a number of 
biophysical loadings the most accurate 12. However, the theory is based on the bone –implant 
interface and the different biophysical loadings on fracture healing. Yet, this theory is used to 
predict cell differentiation and tissue formation inside tissue engineering scaffolds. Relating 
the mechanical strain and fluid shear stress with cell differentiation, has occurred with the 
strain developed in the material of the scaffold 19, 20. However, we hypothesized that the strain 
developed in the scaffold is not representative for the strain perceived by the cells attached 
to the scaffold surface. Cells are only able to sense to a certain depth 26 and our aim was to 
show that the strain developed on the surface of the scaffold, to which the cells adhere, 
is different than the strain developed in the biomaterial of the scaffold. Therefore, it will 
have an significant influence on the prediction of cell differentiation in the early stage of cell 
attachment and growth. The scaffold architecture influences the stress and strain distribution 
in the scaffold. Developing Finite Element Models (FEMs) based on a Computer Aided Design 
(CAD) model reduces the time cost with the laborious process of obtaining FEMs based on 
a µCT scanned fabricated scaffold. However, the hypothesis was that the CAD based FEMs 



3

General Introduction and Aims

were not able to capture the stress and strain distributions seen in the µCT based FEMs. The 
aim of chapter two is to set-up a numerical model calculating the strains at the surface of the 
scaffold which would be perceived by cells seeded on the scaffold. Additionally, the effect of 
deriving FEMs from CAD or µCT scanned scaffold was investigated for the prediction of cell 
differentiation stimuli.

In chapter 3 the numerical model is used to investigate the scaffold design on the stress and 
strain distribution. From chapter 2 the difference between CAD and µCT based FEMs showed 
the influence of pore configuration on the development of stress and strain distributions. 
Our hypothesis was that in a scaffold design, the pore configuration alone could result in 
different cell differentiation distributions. The aim of chapter 3 was elucidating the influence 
of the scaffold architecture on the fluid shear stress and mechanical strain distribution and 
subsequently the cell differentiation stimuli.

Conventional biophysical loading is applied through bioreactors. These set-ups can be 
expensive and time consuming to develop and operate, in order to apply a defined mechanical 
stimulus. Furthermore, bioreactors are often also limited in the stimuli they can apply. Our 
hypothesis was that a mechanical stimulus could be given to cells seeded in a scaffold by 
means of a shape memory material. Chapter 4 discusses the possibility of a new 3D scaffold 
concept, which exhibits the intrinsic possibility of applying a deformation stimulus to the cells 
during culture by exploiting shape memory biomaterials. 

The design of scaffolds is an interplay between the biomaterial and the pore configuration 
on the mechanical properties of the scaffold. As shown in chapter 4, the biomaterial plays 
an important role on the behavior of cells when seeded in the scaffolds. It is important to 
understand the effect of scaffold design in an articulating environment. Our hypothesis 
was that the biomaterial alone, as well the pore configuration would influence the friction 
coefficient of the scaffold. Chapter 5 aims to elucidate the effect of biomaterial composition 
and pore configuration on the friction coefficient of fabricated 3D scaffolds. Additionally, the 
effect of cell culture in these scaffolds on the friction coefficient was investigated.

From literature it is known that cells are able to probe their environment and behave 
accordingly. The mechanical properties of the substrate have been shown to be able to direct 
cell differentiation 8, 10. These studies were performed with hydrogels and cells were either 
encapsulated or cultured on 2D sheets. PCL is a very common biomaterial and is available in 
different molecular weights. We hypothesized that different molecular weights have different 
bulk stiffness and could influence cell behavior. The aim of chapter 6 was to investigate if 
hMSCs were able to adjust their behavior solely on the different stiffness derived from the 
molecular weight in 3D scaffolds.

In the last chapter, the results of this thesis are discussed and future perspectives are 
postulated.
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Abstract

Computational modeling has been increasingly applied to the field of tissue engineering 
and regenerative medicine. Where in early days computational models were used to better 
understand the biomechanical requirements of targeted tissues to be regenerated, recently 
more and more models are formulated to combine such biomechanical requirements 
with cell fate predictions to aid in the design of functional three-dimensional scaffolds. In 
this review, we highlight how computational modeling has been used to understand the 
mechanisms behind tissue formation and can be used for more rationale scaffold-based 
tissue regeneration strategies. With a particular focus on musculoskeletal tissues, we first 
take a historical digression by introducing classical models developed to understand skeletal 
tissue development. Then, we discuss more recent models attempting to predict cell activity 
in relation to specific mechanical and physical stimuli that can be applied to them through 
porous biomaterials or three-dimensional scaffolds. In doing so, we review the most common 
scaffold fabrication methods and biomaterials used to fabricate such scaffolds, with a critical 
view on those technologies and chemistries that offer better properties to be more easily 
combined with computational modeling. Finally, we discuss how modeling, and in particular 
finite element analysis, can be used to optimize the design of scaffolds for skeletal tissue 
regeneration. 

Keywords: Finite Element Analysis, additive manufacturing, skeletal regeneration, scaffolds.
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Biophysical stimuli and tissue formation

Our current understanding of bone tissue starts with scientific research conducted as early 
as the 1800s. Bone was investigated for its functional adaptation. The general bone form 
and outer structure was analyzed and it was attempted to relate this to the environmental 
conditions in which bone functions. Soon afterwards, bone was investigated for its 
internal organization. It was found out that the internal organization of bone had a direct 
relation to its mechanical properties. Bourgery (1832) realized that bone complied with the 
maximum strength, minimum material principle, which explains the presence of cortical 
and trabecular bone. In 1866, the engineer Culmann and the anatomist Meyer showed the 
remarkable resemblance between the direction of the principle stresses in a crane and the 
bone architecture of the femur (Figure 1). Wolff (1870) used the observations of Culmann 
and Meyer to explain the architecture of bone with mechanical stresses. According to Wolff, 
a lot of stress means compact bone, less stress trabecular bone, while no stress means a 
medullary cavity. In 1881 Roux postulated that bone was self-regulating. It was Wolff in 1892 
who combined his own observations with those of Bourgery and Roux in a monograph 
describing the working principles of bone adaptation to external loading, now famously 
known as Wolff’s law 126. However, Roux (1895) realized that functional adaptation was not 
restricted to bone, but was also applicable to other supportive tissues such as cartilage 
and connective tissue. He postulated that the functional mechanical stimulus for bone was 
compression, while tension resulted in connective tissue, and shearing together with either 

Figure 1. Stress lines in a crane as calculated and shown by Culmann (left) and the orientation of 

trabecular bone in a human femur as shown by Meyer (right) (taken from 164)
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compression or tension resulted in cartilage 116. Although Roux described the functional 
stimulus for cell differentiation and tissue formation, the functional stimulus for the specific 
tissue has been a topic of debate since when research on the effect of mechanical stimuli on 
tissue formation was initiated.

More than 60 years later (1965), Pauwels postulated his theory after rejecting Roux’s. 
According to Pauwels (Figure 2), whose theory was based on clinical observations of fracture 
healing, cells in the mesenchyme tissue subjected to either pure tension, compression 
or shearing elongate. Cell elongation causes the formation of collagen fibrils and, thus, 
connective tissue 116. Hydrostatic pressure on the cell, caused either by swelling of the cell or 
homogenous compressive forces on the mesenchyme tissue, results in cartilage. In Pauwels 
theory, bone is not associated to any mechanical stimulus as it was formed on an existing 
solid framework, either on existing bone, connective tissue or cartilage.

Not until 1981, Hayes and Snyder showed for the first time the highly significant correlation 
between bone structure and mechanical stresses with Finite Element Analysis (FEA). It became 
increasingly apparent that mechanical loading induced a local signal for cells to respond to. 
With the emergence of FEA, the research on mechanical loading and cell differentiation 
increased. Mechano-regulation theories were proposed in which biophysical stimuli were 

Figure 2. An elementary sphere suspended in mesenchyme tissue (a) subjected to compression (b), 

tension (c) and shear (d) causes cells to formation of collagen fibrils. Hydrostatic pressure results 

in chondrogenesis while bone was formed on an existing solid framework. Adapted from 116 with 

permission.
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related with cell differentiation and tissue 
formation 19, 20, 29, 121. Carter was one of the first 
to support his theory based on the prediction 
of fracture healing with FEA (Figure 3) 20. 
Besides mechanical loading, the entire history 
of cyclic loading on the mesenchyme tissue of 
the fracture callus and the vascularity of the 
mesenchyme tissue, were equally important 
in the formation of tissue. Bone, cartilage 
or fibrous tissues were based on two cyclic 
stresses, the distortional and the volumetric 
stress. Both descriptors were used by Pauwels 
as well. However, the calculations were based 
on the invariants of the stress tensor which 
are independent of the coordinate system. 
The cyclic distortional stress was described 
by the octahedral shear stress and the cyclic 
volumetric stress by the hydrostatic stress. A 
decade later, Carter replaced the octahedral 
shear stress with octahedral shear strain, since 
the distortional stress results in a material 
deformation 19. 

Claes and Heigele proposed a quantitative 
mechano-regulation theory also based on 
fracture healing (Figure 4) 29. The theory 
distinguished itself from the other theories 
by the fact that values were given for 
the mechanical stimuli thresholds for cell 
differentiation. Also, they proposed that 
new bone was formed on existing bone or 

along calcified tissue and that the local strains and stresses dictated the tissue formation. 
Prendergast modeled tissue formation at the bone-implant interface from a biphasic point 
of view (Figure 5) 84, 121. The theory assumes that cell populations can be replaced by other 
cell populations based on the biophysical stimuli perceived. Analyses continued until the 
formed tissue was able to support the applied biophysical loading. The biophysical stimuli 
were described by the deformation of the solid part with the octahedral shear strain, and the 
application of interstitial fluid flow through the mesenchyme tissue. 

The theories of Carter, Claes and Heigele, and Prendergast were compared for their predictive 

Figure 3. With good vascularization, low 

distortional (octahedral shear stress) and 

volumetric (hydrostatic pressure) stresses 

results in bone formation while intermediate 

stresses in cartilage and high stresses in fibrous 

tissue. Poor vascularization inhibited bone 

formation while low and intermediate stresses 

results in cartilage and high stresses in fibrous 

tissue. Reprinted from 20 with permission.
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Figure 4. Low volumetric stress (0.15 MPa hydrostatic pressure) and low local distortional strain 

(5%) results in intramembranous ossification while hydrostatic pressures < -0.15 MPa with local 

strains between  -15% to 15% results in endochondral ossification. Other hydrostatic pressures and 

strains results in connective tissue or fibrocartilage. Reprinted from 29 with permission.

Figure 5. A distortional strain (tissue or octahedral shear strain) and interstitial fluid flow through 

mesenchyme tissue stimulates the mesenchymal cell to differentiate and form a tissue. The cell and 

formed tissue will be replaced by other cell types and tissue based on the perceived biophysical 

stimuli. Replacement of the cell and tissue population exist until the formed tissue withstands the 

biophysical stimuli and an equilibrium occurs. Reprinted from 84 with permission.
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power in a case of normal fracture healing 69. Results from these theories were almost 
identical. All three theories predicted the most important aspect of normal fracture healing. 
Therefore, it was not possible to reject a theory or choose one as the most pertinent among 
the three. However, predicting tissue differentiation in a torsional loading environment did 
show differences compared to a compression loading environment, with which their theory 
was supported 68. Despite none of them were able to predict the tissue differentiation in 
complete agreement with in vivo observations, the theory of Prendergast with its octahedral 
shear strain and interstitial fluid velocity was the most accurate.

A different corroborative study where the prediction of tissue differentiation with FEA was 
compared with in vivo bone formation in a bone chamber did not result in a full validation 
of the model 78. The variability between the in vivo samples were not reflected in the in 
silico predictions, which was probably due to genetic variability. Yet, since it formulation the 
theory has been used to develop mechano-biological models to investigate the influence of 
mechanical loading 118, angiogenesis 25, cell migration and proliferation 16, 118, and cell sensitivity 
to mechanical loading 77 between different species 26 on tissue differentiation to explain 
the observed differences. The theory was not only used to predict tissue differentiation in 
fracture healing , but also to investigate the effect of mechanical loading on fracture repair 
and bone regeneration in the vertebral body 9 and mandible 10.

Meanwhile, investigations of biophysical stimulation on human bone marrow mesenchymal 
stromal cells (hMSCs) were performed. When hMSCs were seeded on a 2D silicone sheet, 
an applied 2 – 8 % uni-axial strain through stretching resulted in osteogenic differentiation 
showing the responsiveness of hMSCs to mechanical stimuli 51, 71. Another experiment 
applying uniaxial strain through bending, showed both osteogenic differentiation 122 and 
chondrogenic differentiation 41. Coating of the surface membrane with extracellular matrix 
(ECM) proteins accelerated osteogenic differentiation with stretching 63. With parallel-
plate flow chambers, the effect of shear stress due to fluid flow on hMSCs showed to favor 

osteogenic differentiation as well (Figure 6) 80. hMSCs 
showed to be more sensitive to shear stress after a 
longer attachment time before fluid shear stress was 
applied 168. However, it was also shown that a surface 
coating of phosphate on the parallel plates could 
amplify the osteogenic behavior of hMSCs 132. 

A next step was to investigate the effect of loading 
on cell seeded 3D constructs. Demineralized bovine 
bone seeded with hMSCs showed to be susceptive 
to mechanical loading in vitro 93. Osteogenic 
markers were upregulated and mineralization was 
increased in the stimulated samples while a further 

Figure 6. Parallel-plate flow chamber 

in which a medium is flowing through 

two parallel plates at a certain 

distance, thereby creating a known 

shear stress on the cells attached to 

one of the plates. Adapted from 76 with 

permission.
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enhancement of osteogenic differentiation was seen when the medium was supplemented 
with dexamethasone. hMSCs seeded in a 3D collagen matrix and subjected to 10 % and 12 
% tensile strain were driven into osteogenic differentiation without the need of chemical 
supplements 149. The non-stimulated controls did not show osteogenic differentiation. In a 
different study, hydroxyapatite ceramic scaffolds were subjected to dynamic compression 
of various frequencies 38. Frequencies of 0, 25, 50 or 100 Hz were superimposed on a 3 Hz 
compression frequency. Compression of 3 Hz alone, showed an upregulation of bone specific 
proteins, which was further amplified with a superimposed 25 Hz frequency. The 50 and 100 
Hz reduced osteogenic differentiation showing the responsiveness of cells to compression 
to be dependent on the strain rate profile as well. A study performed with osteoblast like 
cells, showed the influence of the frequency of stimulation 146. Short periods of compression 
were applied to cell seeded poly urethane foam scaffolds on only a few days during the entire 
culture period of 20 days. Three days of applying a mechanical load was sufficient to induce 
a faster ECM maturation. 

Although a wealth of literature is available discussing the effect of mechanical compression on 
hMSCs chondrogenic differentiation in 3D constructs, these results were obtained with hMSCs 
embedded in hydrogels like PEG-DA 151, alginate 18 and hyaluronan-gelatin 3. In these studies 
mechanical stimulation alone resulted in chondrogenic differentiation, which was enhanced 
when biochemical cues were also supplied. Yet, the relation between the simultaneously 
applied mechanical stimulation and biochemical cues on chondrogenic differentiation are 
quite complex 18. However, longer stimulation time did increase the accumulation of GAGs 
and upregulated chondrogenic differentiation markers 151. Providing a stable environment 
for hMSCs to form tissue and being able to withstand loadbearing forces, requires scaffolds 
capable of supporting biophysical loads which is not the case for hydrogels thereby limiting 
their use in load bearing applications 65, 92. 

With parallel-plate flow chambers, the effect of shear stress on cell differentiation was 
shown 80. Titanium fiber meshes seeded with hMSCs and subjected to a continuous fluid 
perfusion, showed osteogenic differentiation 61. When the medium was supplemented 
with dexamethasone, the osteogenic differentiation was further enhanced. Synthetic foam 
scaffolds seeded with hMSCs and suspended in a spinner flask containing dexamethasone 
supplemented medium, had upregulated osteogenic genes expression compared to the 
static cultured scaffolds 147. Collagen scaffolds seeded with hMSCs were stimulated in either 
a perfusion bioreactor or spinner flask and showed in both cases osteogenic differentiation 
96. Additionally, calcium deposits were found in the inner part of the scaffold and showed 
different deposition orientations based on the medium flow. In this study, the scaffold 
architecture and fluid flow direction influenced cell differentiation and tissue formation.

The combination of continuous fluid perfusion and cyclic compression, was shown to 
affect osteogenic differentiation of hMSCs in a decellularized bovine matrix 70. Perfusion 
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alone resulted in a proliferative behavior of the seeded hMSCs, while in combination with 
mechanical loading hMSCs differentiated towards the osteogenic lineage. This study showed 
the effect of a combined stimulation on cell behavior. Similar results were shown in a study 
with a collagen scaffold for a meniscus implant. Continuous fluid perfusion in combination 
with mechanical stimulation improved the biomechanical properties of the in vitro tissue 
engineered construct 119. A porous poly urethane scaffold intended for a meniscus implant 
also showed the beneficial effect of fluid perfusion and mechanical stimulation on the 
biomechanical properties of the tissue engineered construct 88. The continuous stimulation 
resulted in increased ECM deposition and, therefore, higher equilibrium modulus. However, 
constructs with a lower stimulation time displayed a lower equilibrium modulus than the 
constructs with a longer stimulation time. A PGA-mesh scaffold subjected to mechanical 
shear and a simultaneous static compression resulted in improved biochemical properties of 
the tissue engineered construct 136. After stimulation, GAG and collagen type II synthesis was 
enhanced compared to perfusion alone and static cultures.

Research has proved that cells are responsive to mechanical strain, either through 
compression or tension 149, and fluid shear stress 61. It was also shown that the scaffold 
architecture influenced fluid flow direction and, therefore, the deposition of calcium in 
certain areas of the scaffold 96. Combination of compression and fluid flow improved ECM 
deposition and the biomechanical properties of the tissue engineered construct. The role 
of the scaffold is, therefore, crucial in order to understand cell differentiation and tissue 
formation inside skeletal tissue engineering scaffolds for load bearing applications. The use 
of FEA in determining the stress and strain distributions is unmistakably important. In the 
next section, scaffold fabrication techniques are discussed with respect to their potential use 
in obtaining scaffolds for FEA.

Scaffold fabrication

Several fabrication techniques exist for obtaining tissue engineering scaffolds, namely 
conventional, electrospinning and additive manufacturing (AM) techniques. Conventional 
techniques are based on fabrication technologies in which the biomaterial is mixed with a 
porogen agent. Some examples are particulate leaching, Thermally Induced Phase Separation 
(TIPS), gas-foaming and emulsion freeze-drying 72. In particulate leaching, solid particles 
are suspended in a polymer solution with a solvent that does not affect the particles. After 
evaporation of the solvent, the remaining solid particles are leached out by another solvent 
which is a non-solvent for the polymer. A common solid particle used is sodium chloride with 
water as the leaching solvent, but gelatin, paraffin spheres and ammonium chloride were 
also used 37, 46. The pore size and shape are dependent on the solid particle used and the 
obtained packing of the particles, i.e. how close they are relatively to each other. Together, 
the pore size, shape and the eventual porosity influences the mechanical properties 143. The 
main advantage of this method is the ease of scaffold fabrication while the disadvantage is 
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the limited control on the pore size, shape and porosity, and the subsequent stiffness of the 
scaffold.

TIPS is based on quenching the polymer solvent below the solvent’s freezing point. Quenching 
induces a phase separation of the polymer solution in a polymer-rich and polymer-poor phase. 
The polymer-poor phase crystallizes and the crystals are removed creating a porous scaffold 
52, 127. Pore size, shape and porosity can be influenced by the polymer solution concentration 
and the quenching temperature. A lower temperature results in a higher nucleation rate while 
the crystal growth is reduced thereby creating small pore sizes. A higher temperature on the 
other hand has a lower nucleation rate but higher crystal growth and therefore larger pore 
sizes. Reducing the solvent in the polymer solution decreases the porosity 48. The growth 
kinetics of the crystals influences the orientation and shape of the pore and is depending on 
the polymer solution and temperature gradient. Mechanical properties are highly anisotropic 
as tubular pores are formed with this technique 90. The main advantage of this method is the 
interconnectivity of the pores, while the use of organic solvents is a main disadvantage.

In gas foaming, a melted polymer is saturated with a gas, typically CO2 or N2, at a critical 
temperature and pressure 33, 123. The saturated polymer is cooled to the point of foaming and 
the pressure is dropped creating trapped bubbles. Combinations of the polymer, gas and 
pressure drop influences the pore size, shape and porosity. An advantage of this method is 
the lack of using organic solvents, while the disadvantage is the lack of control of the pore 
size and interconnectivity 72.

Emulsion freeze-drying uses the property of insolubility of two liquids. An emulsion is created 
in which the water phase is dispersed in the polymer and quickly frozen in liquid N2. By 
freeze-drying, a porous scaffold is obtained. The pore size and porosity are dependent on the 
concentration and viscosity of the polymer solution while the pore shape is dependent on 
the level of homogenization achieved while mixing the solution 47. The reduction of organic 
solvents used is an advantage while the instability of the emulsion is a disadvantage as it 
leads to non-uniform scaffolds 160.

All of the above mentioned techniques lack the possibility of mimicking the structural 
composition of bone ECM. With electrospinning, small diameter fibers can be produced in 
the micro- and nano-scale range mimicking the physical dimensions of natural fibrillar ECM 11, 

135. An electrical field between the metallic nozzle and the metallic collector created by a high 
voltage potential ejects a thin liquid polymer solution to the collector. During the travel to 
the collector, the solvent of the polymer is evaporated and a dry fiber is left on the collector. 
Fiber properties are dependent on the applied voltage 32, 94, flow rate 95, collector distance 
8, solution parameters 59 and ambient parameters 82. The voltage is able to influence the 
fiber diameter from microns to few tens of nanometers 32. The flow rate influences the fiber 
diameter as well, along with the fiber morphology 95. With an increasing distance between the 
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nozzle and collector the fiber diameter decreases. Additionally, a too short distance results in 
bead formation in the fibers 8. The polymer concentration and solution conductivity heavily 
influences the electrospinning itself. A too diluted polymer solution results in bead formation 
while a too concentrated solution results in fibers of different diameters 59. High conductivity 
solutions in a strong electric field results in instable fiber deposition 135.

Scaffolds obtained through electrospinning and conventional techniques have the problem 
that the pore network configuration is hard to control. Additionally, the reproducibility 
of obtained scaffolds can be hard to achieve due to environmental parameters such as 
temperature and humidity during processing. An interesting class of scaffold fabrication 
technologies is AM, which is defined as the process of joining materials to make objects from 
3D model data, usually in a layer upon layer method 108. The layer upon layer method enables 
to construct scaffolds through the Computer Aided Design/Computer Aided Manufacturing 
(CAD/CAM) principle. Among AM platforms are powder, photosensitive and melt-extrusion 
based techniques. With powder based techniques, a powder is bound through for example 
melting (Selective Laser Sintering (SLS)) or a binding material (Printing). In SLS, powder 
particles of either polymer, ceramic or a composite, are bound through a high-intensity laser 
beam 27, 40, 137, 162. The increase of temperature from the laser beam fuses the powder particles. 
After a layer is generated, a bed of powder particles is spread on top of the formed layer. 
Pore size, shape and porosity can be designed on the computer and the actual dimensions 
depend on the powder and laser beam used. Apart from the powder, or biomaterial, and 
pore network 162, mechanical properties of the scaffold also depends on the direction in 
which the scaffold was built 40. The main advantage of SLS is the freedom of shapes that can 
be obtained, while the main disadvantages are the high temperatures, the limited available 
biomaterials, and the brittleness of the resulting scaffolds due to possible residual stresses 
at the powder/grain boundaries. Printing is based on the same technique as SLS, except that 
the binding occurs through a binding material that is printed on the powder bed 15. The binder 
can be an organic solvent or water and the resulting bond can be mechanically weak for 
the same reasons described for SLS. Additionally, the droplet size determines the minimal 
possible scaffold fiber diameter and spacing. Through sintering after scaffold fabrication, the 
mechanical properties can be improved 137.   

Stereolithography (STL) is a photosensitive based technique in which a light source 
polymerizes a liquid resin. Similar to printing, the beam traces the contours of the designed 
scaffold. Upon finishing a layer, the station with the cured resin is lowered and a new layer of 
liquid resin is placed on the fabricated layer 67. Pore size, shape and porosity can be designed 
through the CAD/CAM principle and mechanical properties should therefore be possible 
to be tuned accordingly 98. However, besides the limitation of available biocompatible 
photosensitive biomaterials, fabricated scaffolds through STL needs post-processing for a 
better polymerization and removing unreacted resin 97.
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Fused Deposition Modelling (FDM), 3D Fiber Deposition (3DF), Precision Extrusion Deposition 
(PED) and Bioscaffolding are examples of extrusion based AM techniques 108. In FDM, a filament 
of a thermoplastic polymer is shortly heated in the nozzle and extruded on a stationary 
platform. The deposition is regulated by a computer which turned a 3D model into a stack 
of 2D layers with a pre-defined fiber spacing and angle of orientation between successive 
layers. The main advantage of this technique is the accurate control of the pore configuration 
of the scaffold. However, only thermoplastic polymers in a filament shape can be used as the 
base biomaterial 66. 3DF is a similar method of obtaining a scaffold by moving the deposition 
system over a stationary platform. However, the polymer is inserted in a cartridge which is 
heated and subsequently pressurized for extruding the polymer melt onto the platform in a 
layer-by-layer fashion. The limitation of a thermoplastic polymer in a filament base shape is 
removed and thermoplastic polymers in any base shape could be used, thus expanding the 
palette of biomaterials that can be used 106. The disadvantage of this system is the possible 
thermal degradation of the polymer due to high residency time in the heated cartridge. 
Similar to FDM and 3DF, PED uses a screw to extrude the polymer melt on the platform 141. 
The combination of pressurized extrusion (3DF) and screw extrusion (PED) can be found in a 
commercial AM machine, the Bioscaffolder. This machine has been used to obtain scaffolds 
with the same pore configuration but from different biomaterials 24, 56. The main advantage 
of this system is the ability to accurately control the pore size, shape and porosity. Prior work 
performed with 3DF on the influence of pore configuration on mechanical properties of the 
scaffold remains still valid when considering the bioscaffolding process 106. The disadvantages 
are the long thermal heating of heat sensitive thermoplastic polymers in the system and the 
possible resulting effect on the scaffold’s mechanical properties 124. 

From an FE modelling perspective, scaffolds should be highly reproducible and the pore 
configuration highly controllable. Scaffolds obtained through conventional fabrication 
techniques lack the possibility of complete control of the pore configuration and, therefore, 
suffer also from limited reproducibility in terms of producing the same identical pore 
network. Although electrospinning is a very interesting technique, the fiber dimensions, the 
control of pore configuration and reproducibility renders electrospun scaffolds not desirable 
for investigating scaffold properties with FEA. Melt-electrospinning is a rising technology that 
has attracted a lot of attention for scaffold fabrication as it holds the potential to combine 
the high fidelity of AM platforms with the ECM-mimicking properties of electrospinning 44. 
In this respect, it will be very interesting to combine this technology with the more rationale 
design of scaffolds for bone or other tissue regeneration that can be obtained through FEA. 
Printing is an interesting option as the pore configuration can be controlled. However, due 
to the technique, it will be challenging to obtain reproducible scaffolds when the surface 
topography of the fibers is concerned. Photosensitive techniques are very interesting as the 
reproducibility and pore configuration will be highly controllable. Despite good combination 
of computational modeling and design of scaffolds pore network and stereolithography has 
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been achieved 97, the limited availability of biomaterials makes them a less suitable option 
than extrusion-based techniques. With these techniques the pore configuration is highly 
controllable and scaffolds are highly reproducible. Additionally, the choice of biomaterials 
suitable is broader than other AM techniques mentioned. Therefore, extrusion-based AM 
technologies seem the best scaffold fabrication platform to be combined with FEA design. In 
the next section, biomaterials for scaffolds are discussed with respect to possible biomaterials 
for AM.

Biomaterials

A scaffold can be designed for various purposes and has different requirements for each 
application. Yet, there are a few universal requirements that a scaffold has to fulfill. One of 
the most important properties of scaffolds is that it needs to be biocompatible, meaning 
that scaffolds should perform with an appropriate host response in a specific application 161. 
Other important properties of scaffolds are that it should be biodegradable or bioresorbable, 
possess favorable surface chemistry, desirable mechanical properties and sufficient pore 
space for cells to form tissue 60, 65. The majority of the properties can be traced back to the 
biomaterial choice for the scaffold. Ideally, the rate of tissue formation in the pore space of the 
scaffold matches the degradation of the scaffold, keeping the mechanical properties of the 
construct at acceptable levels 65. Surface chemistry and the biodegradability or resorbability 
are directly related to the biomaterial. Biomaterials can be divided into several classes from 
which the polymers are often used for tissue engineering purposes due to their relatively 
easy processing into scaffolds 85, 158, 165, 169. Based on their source, polymers can be divided into 
natural and synthetic polymers. Natural polymers have found their use in tissue engineering, 
for instance agarose 62, 152 and alginate 18, 58 were often used for embedding cells which were 
then subjected to compression to enhance chondrogenesis. In the previous section, the 
preferred choice of fabrication technique to combine with FEA was AM. Although over the 
years many synthetic polymers were developed, in this review the focus will be on synthetic 
polymers already used in AM, since this class of biomaterials offer the broadest capability to 
be engineered without suffering from batch-to-batch properties variation as it often occurs 
with natural polymers. 

Poly Urethanes (PUs) are a class of polymers 
in which the synthesized PU polymer has 
properties that are depending on the starting 
materials and the synthesis procedure (Figure 
7). The wide array of available starting 
polymers makes it possible to design a 
PU biomaterial with specific mechanical, 
physical and biological properties 81. PU is 
therefore found in a wide array of biomedical 

Figure 7. Chemical structure of poly urethane 

(PU) in which the chemical groups R define the  

properties of the PU polymer.
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applications like vascular grafts 155 and tracheal tubes 120. The last few years, PUs were 
developed with shape memory properties broadening the use of PU in tissue engineering 
even further 145. Until recently, shape memory PUs scaffolds were fabricated by conventional 
techniques 31, 144. 

Poly Glycolic Acid (PGA) is a linear aliphatic polyester with a high 
melting point (185-225 oC) due to its high crystallinity (Figure 8) 167. It 
is a hydrophilic polymer which degrades hydrolytically into glycolic 
acid and is metabolized in the body. However, accumulation of 
glycolic acid can lower the pH and cause inflammation and possible 
tissue damage. The bulk-degradation of PGA can result in a sudden 
loss of mechanical strength of the scaffold 50. Scaffolds of PGA were 
used in cartilage regeneration 136 and for osteogenesis 159. However, 
PGA is often co-polymerized with Poly Lactic Acid (PLA) to tune the 
degradation rate and mechanical properties 170.

Poly Lactic Acid (PLA) is an aliphatic polyester often used in tissue 
engineering and exists in two optically active forms, L-lactide and DL-
lactide (Figure 9). Poly L-lactide (PLLA) is a crystalline polymer while 
poly-DL-lactide (PDLLA) is an amorphous polymer and has a faster 
degradation rate than PLLA 101. Furthermore, the elastic modulus 
is higher for PLLA making it a good biomaterial for load bearing 
applications 89 while PDLLA is a good candidate for drug delivery 111. 
The degradation products of PLA is lactic acid, which is removed by 
the body through the Krebb’s cycle 49. It has been reported that due to 

the fast degradation, lactic acid builds up and causes mild inflammatory reactions in the body 
66. PLA is often blended with other polymers, like PGA 170, or surface coated with materials like 
calcium phosphate 23, to tailor or improve physicochemical properties of the scaffold.

Another commonly used thermoplastic polymer in the regenerative medicine field is 
poly(caprolactone) (PCL) (Figure 10) 166. PCL is an 
aliphatic polyester having semi-crystalline and 
hydrophobic properties and a low melting temperature 
111. It has a much lower degradation rate than PLA and 
it blends well with a wide range of other polymers 22. 
The easy processability of PCL makes it an excellent 
biomaterial for obtaining scaffolds through additive 
manufacturing 56, 79, 109, 110, 141, 142, 169. It has therefore 

been used to study the influence of molecular weight on cell differentiation 56, developing 
constructs for cartilage regeneration 109, 110 and bone regeneration 141, 142.

Figure 8. Chemcial 

structure Poly Glycolic 

Acid. 

Figure 9. Chemcial 

structure of poly lactic 

acid (PLA). 

Figure 10. Chemical structure of poly 

(caprolactone) (PCL).
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The block-copolymer poly(ethylene oxide terephtalate)/poly(butylene terephtalate) (PEOT/
PBT) is a composition of poly(ether ester) (Figure 11) 7. The composition of the block-
copolymer is denoted as aPEOTbPBTc in which a is the starting molecular weight of PEO 
from which the poly(ether ester) PEOT is synthesized, and b and c are the weight-ratio 
percentage of PEOT to PBT, respectively. PEOT is a hydrophilic amorphous polymer while 
PBT is a hydrophobic semi-crystalline polymer. Both are thermoplastic polymers and exhibit 
good physical properties like elasticity, toughness and strength with the added benefit of 
good processability due to a phase separated morphology 7. At environmental temperatures, 
the PEO segments are physically cross-linked by the presence of the hard semi-crystalline PBT 
segments. These cross-links are reversible and at temperatures above the glass transition or 
melting point the cross-links are disrupted. By varying the starting molecular weight and the 
weight ratio, properties of the block-copolymer like swelling 7, 28, wettability 28, 114, degradation 
7 and mechanical properties can be tailored 106. These materials have been used in in-vitro 
125 and in-vivo 39, 73, 91 settings and showed positive results for the release of growth factors 
for chondrogenesis 125, osteogenic and chondrogenic differentiation of hMSCs 57, effect of 
the biomaterial on the composition of in-vitro cartilage 91, and the support of osteochondral 
regeneration 73 through chondrocyte seeded scaffolds 39. PEOT/PBT has reached the clinic 
as bone fillers and cement stoppers 14, 99 and is currently used in a clinical trial for articular 
cartilage regeneration after obtaining promising results in preclinical studies 54. When 
designing scaffolds for regenerating musculoskeletal tissue, it is important to understand the 
mechanical properties of these tissues. Scaffolds intended for tissue engineering purposes 
should optimally have mechanical properties similar to native tissues 60, 65. The next section 
discusses the mechanical characteristics of bone, cartilage and osteochondral tissue. 

Mechanical requirements for skeletal tissue engineering scaffolds

Bone has a hierarchical structure, through which load is transferred. In long bones, cortical 
bone is found around the perimeter of the bone while trabecular bone is found in the interior. 
Cortical bone is dense with a low porosity and is composed of osteons giving human cortical 
bone a reported compression modulus of 14.7 – 34.3 GPa and a tension modulus of 10.9 – 20.6 
GPa 2. The orientation of the osteons results in an anisotropic mechanical behavior of cortical 

Figure 11. The block-copolymer poly(ethylene oxide terephtalate) (b) and poly(butylene 

terephtalate) (c) with the starting segment PEO (a). The composition is denoted as aPEOTbPBTc 

with a the molecular weight of the starting segment PEO and b anc c are the weight ratios of PEOT 

and PBT respectively. 
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bone. The mechanical properties are highest in the direction of the osteon orientation and 
weakest perpendicular to the osteon orientation. Trabecular bone has a higher porosity and 
its 3D structure is composed of plates and rods giving trabecular bone anisotropic mechanical 
properties 2, 30. Because of the high porosity of trabecular bone and the orientation of the 
plates and rods, the mechanical properties of trabecular bone were shown to be related to 
the density of the trabecular bone specimen 75. 

Scaffolds developed with the intention to serve as bone grafts are generally characterized for 
their osteogenic potential and not for their mechanical results. However, there is a consensus 
that the mechanical properties of the scaffold should match the mechanical properties of 
bone 42, 156. Therefore, finite element models (FEMs) have been developed to capture the 
anisotropic mechanical behavior of trabecular bone. By tuning the porosity of the FEMs to 
match the hierarchical structure of trabecular bone, anisotropic mechanical behavior was 
predicted similar to trabecular bone 64. A different method was applied to develop a scaffold 
architecture matching the desired porosity and elastic properties of trabecular bone by using 
an optimization algorithm. Scaffolds were fabricated by printing 87, casting 60 or selective laser 
melting 21, however no mechanical tests were performed on the fabricated scaffolds. More 
recently, a numerical optimization strategy was developed in which the mechanical properties 
of the scaffold could match native tissue. The novelty of this approach was that the material 
behavior of degradation and loss of mechanical stiffness were taken into account and used 
to develop a scaffold with struts of different biomaterials 53. 

Lining the end of articulating bones, cartilage is a special tissue, whose structure is dependent 
on the distance from the subchondral bone. Besides a load-bearing function, cartilage also 
provides a smooth articulation between bones. Cartilage consists of water (65 – 80 %) and 
solid ECM (35 – 20 %) composed of collagen (60 %), aggregating proteoglycans (30 %) and 
other proteins (10 %) 13. The glycosaminoglycans (GAGs) attached to the proteoglycans are 
responsible for the water uptake which enables the ECM to withstand high compressive 
forces 5. GAGs attached to the proteoglycans are interlaced through the structured collagen 
which is providing the elastic and structural strength of cartilage. The hierarchical structure 
of cartilage is depth dependent and is usually divided into three zones, the superficial, middle 
and deep zone, in which the composition and collagen orientation delineates the zones 117. 
In the superficial zone, collagen is oriented tangential while in the deep zone it is oriented 
perpendicular to the articular surface and the middle zone delineates the transition in the 
orientation. Collagen content is highest in the superficial zone and decreases towards the 
deep zone while the proteoglycans content is lowest in the superficial zone, increases to 
the middle zone and remains constant to the deep zone.  Cell concentration decreases 
towards the deep zone 4, 113. Between the deep zone and the subchondral bone a calcified 
zone is present, the tidemark, in which collagen transverses to the subchondral bone and 
minimizes the stiffness gradient between cartilage and the more rigid subchondral bone. 
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The subchondral bone is an anchor for the collagen and provides shape and absorption 
of forces. Bordering the cartilage, a thin region of dense bone can be found after which 
highly vascularized trabecular bone can be found 139. The composition and orientation 
of the constituents, gives articular cartilage, and subchondral bone, a range of complex 
mechanical characteristics and behaviors. The orientation of collagen results in anisotropic 
mechanical behavior of cartilage 153. Furthermore, collagen can resist tensile loads better than 
compressive loads. The anisotropic composition and the visco-elastic behavior of cartilage 
results in a range of reported mechanical properties. For a human knee, a dynamic stiffness 
of 4.5 MPa was reported at a loading frequency of 0.1 Hz 153, an aggregate static modulus 
of 0.1 – 2.0 MPa 109 while a Young’s modulus of 10 MPa has been used in FEA simulations 
for cartilage 83. Electrospun scaffolds have been used to regenerate articular cartilage and 
meniscus, as the nanofibers supposedly mimic the collagen orientation in articular cartilage 1, 

6, 163. It was shown that fiber orientation influences cell orientation 163 but also the mechanical 
properties of the scaffold 1, 6. More recently, hydrogels have been fiber reinforced to mimic 
the articular cartilage even more, obtaining encouraging results compared with equine 157 and 
human articular cartilage 86, 109.

Swelling of cartilage due to the presence of proteoglycans is counterbalanced by the solid 
collagenous matrix. The presence of water gives cartilage visco-elastic properties and provides 
fluid load support. Upon loading of cartilage, fluid in the cartilage is pressurized and supports 
the load. However, in time the fluid is expelled from the tissue and the solid matrix supports 
the load. Besides, this load sharing between the solid and fluid matrix proved to be important 
for the frictional response of articular cartilage 4, 17. The sliding velocity, contact area and 
lubrication are all influential on the friction coefficient 4, 12, 17, 45, 112, 138. Combinations of contact 
pressure, speed and viscosity (Hersey number) results in different lubrication modes which 
can be related to the friction coefficient by the Stribeck curve 45. Therefore, the experimental 
set-up has significant influence if such a fluid support is achieved and the resulting friction 
coefficient measured 138. Friction coefficients for bovine articular cartilage were reported 
between 0.02 – 0.1 12, 17 while for human cartilage values between 0.06 – 0.15 were reported 
for a variety of experimental settings 100. Non-cellular woven PCL scaffolds infused with either 
an alginate or poly acrylamide hydrogel showed to have friction values similar to the higher 
frictional coefficients of human cartilage 86. The same woven PCL scaffolds but now cultured 
with hMSCs and fibrin showed similar friction coefficients as the non-cellular scaffolds 110. 
Electrospun scaffolds subjected to physiological loads revealed that fiber orientation in the 
direction of the loading had lower surface damage compared to perpendicular oriented 
fibers. In vitro cell culture, however, did not reduce the friction coefficient in these scaffolds 
which were similar to the friction coefficient of a bovine knee joint explants 1. 

For osteochondral replacements, scaffold designs are classified upon their structural design. 
In order to succeed in regenerating osteochondral tissue, a part of the scaffold has to be 



24

Chapter 1

dedicated to cartilage regeneration and the other part to bone regeneration. Therefore, a 
scaffold for osteochondral constructs can be classified as either mono-, bi- or multiphasic from 
either the scaffold architecture, biomaterial or composition. In a monophasic scaffold design, 
there is only one scaffold design for the whole construct and no distinction is made between 
the cartilage and bone region. A biphasic scaffold can have for example two architectures, 
two biomaterials or two porosities, specifically for bone and cartilage. A multiphasic scaffold 
has more than two different architectures, biomaterials or porosities in order to obtain an 
osteochondral construct. An example of a monophasic scaffold is a 3D fiber deposited PEOT/
PBT scaffold with a controlled architecture. It showed in an in vivo study more GAG production 
and better mechanical properties compared to a salt leached scaffold 91. However, inherent 
to the monophasic nature of the scaffold, the scaffold supports the formation of only one 
tissue rendering it not the ideal method for osteochondral regeneration. The easiest method 
of obtaining a biphasic scaffold is to combine a scaffold for cartilage regeneration, usually a 
hydrogel, with a scaffold for bone regeneration, usually a polymer or a ceramic 43. However, 
separation of the constructs in vivo is a point of concern 133. Ideally, the bond between the 
different scaffolds should be mimicking the tidemark region between articular cartilage and 
subchondral bone as seen in native tissue. This implies the need of a multiphasic scaffold 
in order to provide a stable construct 74. A hydrogel region for cartilage regeneration could 
be coupled with PLGA microspheres to a region of composite PLGA microspheres for bone 
regeneration. Mechanical characterization of the construct, however, showed lower values 
for the construct compared to native tissue 74. Another method of obtaining multiphasic 
scaffold design is through scaffolds with distinct gradients or porosities for cartilage and 
bone regeneration. Microspheres loaded with growth factors specific for cartilage or bone 
regeneration were used to obtain a scaffold with a functional growth factor gradient. 
Histological analysis showed good results although no mechanical analyses have been 
performed 104. Combining microspheres with a porogen, a gradient in porosity was achieved 
for the scaffold 36. Alternatively, microspheres with different diameters were used to obtain 
a scaffold with a gradient in pore size 150. While there was a difference in proliferation rate 
between the different pore sizes, osteogenic differentiation was not statistically different. 
These studies, therefore, show how challenging it is still to design a functional scaffold 
for osteochondral tissue regeneration where several physical, chemical, mechanical, and 
biological different features have to be taken into account.

Optimizing scaffold design with FEA 

AM provides a tool in developing scaffolds with tailored design that can help better atching 
musculo-skeletal tissue regeneration requirements. Pore configuration can be completely 
controlled and therefore tuned to mechanically match native tissue 105, 107. A database has been 
developed with different structural configurations, in which the combination of configuration 
and porosity can be used to obtain scaffolds with desirable mechanical properties through 
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SLS 148. Besides the structural configuration to match the mechanical properties with native 
tissue, cells in the scaffold should be able to migrate throughout the whole scaffold with 
a sufficient nutrient and waste exchange provided for them to from tissue 60, 140. To satisfy 
these requirements, the porosity and interconnectivity of the pores play an important role 134. 
Additionally, the pore shape alongside the porosity and interconnectivity play an important 
role in the stress and strain distribution when biophysically loaded 35. Mathematical models 
have been developed to optimize the scaffolds internal architecture for trabecular bone to 
obtain the desired mechanical properties and porosity 60, 87 and fabricated scaffolds displayed 
a reasonable match with the computational design 35. 

Using FEMs, it was attempted to reproduce the mechanical behavior of a representative 
pore of a regularly structured titanium scaffold 128. FEMs based on µCT scans proved to be a 
good indicator for the apparent stiffness, but the CAD based FEMs were not able to capture 
the experimental results. Similar for the permeability of a rapid prototype scaffold, CAD 
based FEMs could not predict the permeability of the scaffold accurately compared to the 
experimental values, while the µCT based FEMs did 154. 

However, despite the lack of accurately reproducing experimental results, CAD based models 
were used to investigate the influence of scaffold designs on cell differentiation and tissue 
formation. For this, coupling of the mechano-regulation of Prendergast 121 with the stress 
and strain distributions in the scaffold was applied. By using a representative pore of a 
(theoretical) scaffold as unit-cells, the influence of biomaterial stiffness, porosity and pore size 
was determined 131. A faster bone formation was seen in a scaffold with a stiffer biomaterial, 
increased pore sizes, or porosity with the limit of early collapsing with a too large pore size or 
porosity. Similar behavior was seen in an idealized scaffold whereas also the dissolution rate 
showed to be important as a too fast dissolution rate collapsed the scaffold 16.

A µCT scanned calcium phosphate scaffold was used to calculate the stress and strain 
distribution throughout the scaffold with FEA 130. It showed the influence of pore morphology 
on the stress and strain distribution but also on the stress and strain magnitudes. The 
heterogeneous pore configuration of the scaffold resulted in areas with high stresses and 
strains. A later study investigated the effect of loading on cell differentiation and tissue 
formation in the same µCT scanned scaffold 129, showing that the current stimulation 
values used in in vitro studies were higher than necessary. A FEM of a salt leached scaffold 
highlighted the effect of irregular pore size and distribution by predicting a heterogeneous 
stress and strain distribution and subsequently a heterogeneous tissue formation 102, 103. CAD 
based FEMs were developed to investigate the influence of pore shape, size and porosity 
with various biophysical loadings 115. Similar to the irregular structured FEMs, these FEMs 
showed the critical influence on the stress and strain distribution and the cell differentiation 
stimulus. Fluid flow simulations evidenced the influence of the pore shape on shear stress 
in which small pore sizes resulted in high shear stresses. FEMs based on µCT scanned AM 
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scaffolds with different pore configurations also showed the influence of pore configuration 
on the stress and strain distribution and cell differentiation prediction 55. Pore size and shape 
influenced fluid flow and shear stress distribution while the presence of a supporting column 
influenced the strain distribution from mechanical compression. For cell differentiation 
prediction, the fluid flow and mechanical loading had each a distinctive influence based on 
the pore configuration. Large pore sizes had less influence for fluid flow while with smaller 
pore sizes the fluid flow had a stronger influence.

Conclusion

From the 1800s until now, the understanding of skeletal tissue formation has increased 
considerably. With the fast development of modern technologies, CAD/CAM approaches 
are very realistic methods with which we can obtain scaffolds with properties at several 
multidimensional scales and usable in tissue engineering and regenerative medicine. Smart 
use of the combination of computational power and scaffold design can provide valuable 
and deep insights in the process of tissue formation. Such combination has the potential 
to accelerate research in addressing the ultimate goal of tissue engineering: the replacing, 
engineering or regenerating human cells, tissues or organs to restore or establish normal 
function. 
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Abstract

In the field of tissue engineering, mechano-regulation theories have been applied to help 
predict tissue development in tissue engineering scaffolds in the past. For this, Finite Element 
Models (FEMs) were used to predict the distribution of strains within a scaffold. However, the 
strains reported in these studies are volumetric strains of the material or strains developed 
in the extracellular matrix occupying the pore space. The initial phase of cell attachment and 
growth on the biomaterial surface has thus far been neglected. In this study, we present a 
model that determines the magnitude of biomechanical signals on the biomaterial surface, 
enabling us to predict cell differentiation stimulus values at this initial stage. Results showed 
that magnitudes of the 2D strain - termed surface strain - were lower when compared to the 
3D volumetric strain or the conventional octahedral shear strain as used in current mechano-
regulation theories. Results of both μCT and CAD derived FEMs from the same scaffold were 
compared. Strain and fluid shear stress distributions, and subsequently the cell differentiation 
stimulus, were highly dependent on the pore shape. CAD models were not able to capture 
the distributions seen in the μCT FEM. The calculated mechanical stimuli could be combined 
with current mechanobiological models resulting in a tool to predict cell differentiation in the 
initial phase of tissue engineering. Although experimental data is still necessary to properly 
link mechanical signals to cell behaviour in this specific setting, this model is an important 
step towards optimizing scaffold architecture and/or stimulation regimes.

Keywords: Finite Element Analysis, modelling, scaffold, Computational Fluid Dynamics, 
mechanobiology, tissue engineering
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Introduction

The formation of bone in scaffolds for tissue engineering applications is influenced by the 
material properties of such scaffolds. Ceramics have been shown to possess excellent osteo-
inductive and osteo-conductive properties, but their brittleness and degradation behaviour 
remains a problem 7, 10. Two other classes of biomaterials that can be used for bone tissue 
engineering scaffolds are synthetic and natural polymers. These materials are a promising 
option as their physical and chemical properties can be tailored to match the native stiffness, 
for example. Additionally, polymers can be processed using various techniques, resulting 
in virtually unlimited possibilities for the scaffold architecture. However, a disadvantage of 
purely synthetic polymers is that the bone forming capabilities are low compared to those for 
ceramics. To improve bone formation, mechanical stimulation of cell seeded scaffolds in vitro 
is an option. The link between mechanical loading and tissue formation was first suggested 
more than a century ago by Cullman, von Meyer and Roux, and has received considerable 
attention ever since.

Several studies have focused on relating biophysical stimuli to tissue formation in the case of 
fracture healing. Although Pauwels 21 was one of the first to postulate these relations, it was 
Carter et al. 3, 4 who supported his mechano-regulation theory applying Finite Element Analysis 
(FEA). According to Carter, hydrostatic stress and octahedral shear strain or stress could 
predict cell differentiation and subsequently tissue formation. Around the same time Claes 
and Heigele 6 proposed their quantitative mechano-regulation theory relating local strains 
and hydrostatic stress to tissue formation. Prendergast et al. 15, 22 approached tissue as being 
composed of both fluid and solid phases. Therefore, he hypothesized cell differentiation as 
a biphasic phenomenon. Deformation of the solid phase was described by octahedral shear 
strain but deformations of the fluid phase by the interstitial fluid flow. Although the theories 
of Carter and Claes could predict the course of fracture healing in their study, it is the theory 
of Prendergast which was able to predict tissue formation more closely in various biological 
settings 13 and mechanical loading conditions 11, 12. Therefore, Prendergast’s theory has 
generally been used for modeling tissue formation in the volumetric pore space of scaffolds 
2, 5, 17, 18, 25.

Tissue formation inside scaffolds can be considered as consisting of two phases, with the 
first phase being the attachment and growth of cells on the surface of the scaffold. From 
this moment on, extracellular matrix (ECM) is deposited and fills the free pore space of the 
scaffold, enabling cells to migrate into the pore and this marks the second phase. When 
applying mechanical signals to the cells in the scaffold, such as  strain driven compression and 
fluid flow, the cells are able to differentiate depending on the strain and stress magnitude. In 
a cell seeded scaffold of which strut dimensions exceed the cell dimensions, the magnitude 
of strain sensed by the cell during the first phase is different from the strain sensed during the 
second phase. In the first phase, cells are attached to the surface of the scaffold which can be 
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considered as a 2D environment. On the other hand, cells embedded in the ECM occupying the 
pore volume are in a 3D environment. Models currently described in the literature are based 
on volumetric strains that develop within a biomaterial or within the volumetric pore space 
of a scaffold. Such models only effectively simulate the second phase – the 3D environment 
– and do not take into account the initial phase, the 2D environment 2, 5, 18, 24, 25. Therefore, 
these models neglect the effect of loads during the initial development of a tissue on a 
scaffold. Moreover, in literature, different strains calculations were used for predicting tissue 
formation with the aid of the mechano-regulation theory of Prendergast. These included the 
octahedral shear strain 20, 24, 25, volumetric shear strain 2, 5, 17 and tissue shear strain 18. It is clear 
that the use of different types of strain, with different mathematical definitions, will result 
in different strain values and therefore different predictions for tissue development. In this 
study, we will employ the same established mechanobiological model to illustrate the impact 
of the type of strain used on the predicted tissue development.

Apart from this, most models described in the literature are based on simple Computer-
Aided-Design (CAD) architectures 2, 5 or on micro-Computed Tomography (μCT) scans from 
compression moulded scaffolds 18, 24, 25. Deriving a model based on a μCT scan is a laborious 
and resource intensive process. However, due to the intrinsic nature of compression 
moulded scaffolds, the reproducibility of a scaffold architecture and pore network is low, 
and therefore the architecture of such scaffolds cannot be correlated with CAD drawings. On 
the other hand, the architecture of scaffolds fabricated using rapid prototyping (RP) can be 
highly controlled. This could mean that the laborious process of creating a model based on 
the μCT scan of the scaffold is unnecessary and that the initial CAD design of the scaffold is 
sufficient to create the FE model. Even though there are studies discussing the experimental 
validation of Computational Fluid Dynamics (CFD) simulations, like fluid flow 9 and scaffold 
permeability 27, at the moment there is no comparison in literature between a μCT scanned 
and a CAD model of a fabricated RP scaffold when regarding stress and strain distributions 
due to mechanical compression and fluid flow in the scaffold.

To study tissue development in the initial phase of tissue engineering, we here present a 
model to predict the effect of mechanical signals on cells seeded on the surface of a scaffold. 
Finite Element Models (FEMs) were created based on a μCT scanned RP scaffold and a CAD 
model based on the same scaffold, and the FEMs were used for FEA and CFD. An in-house 
written code was used to calculate the strain developed on the surface of these FEMs. As 
shown in Figure 1, the magnitude of the strain developed on the face of a tetrahedral element 
is expected to be different from the strain developed in the volume of the same element. To 
verify this, the surface strain was subsequently compared to the octahedral shear strain and 
the strains developed within the entire element located at the surface, collectively termed 
volumetric strains. By coupling the CFD and FEA models, the combined effect of both types of 
biophysical stimuli on cell differentiation could be investigated. Furthermore, we investigated 



41

Modelling mechanical signals on the surface of µCT and CAD based scaffold models

the need for μCT based models by comparing cell differentiation predictions of FEMs based 
on a μCT scanned RP scaffold with FEMs based on the CAD model of the same RP scaffold. 

To our knowledge, this model is the first that is able to consider the initial phase of cell 
differentiation on the surface of scaffolds based on local biophysical stimuli. Applying this 
model, we will be able to develop scaffold architectures for various types of musculoskeletal 
tissue engineering applications. The biophysical loading on such scaffolds can be tested a 
priori in silico, allowing for the optimization of scaffold architecture and/or for loading regimes 
for the initial part of cell differentiation in a tissue engineering scaffold.

Materials and methods

Derivation of material and fluid meshes for FEA and CFD models

Scaffolds were fabricated by a Rapid Prototyping (RP) machine (Envisiontec, Germany) as 
previously described by 19 (Figure 2A). Briefly, granules of the copolymer 300PEOT55PBT45 
were loaded into a stainless steel syringe and closed by a pressurized cap and a hypodermic 
needle. The syringe was placed in a heated cartridge at 195 oC, which was moved over a 
stationary platform on which the molten polymer fibre was deposited. A scaffold of 9.7 x 9.7 

Figure 1. Difference between surface strain (2D) and volume strain (3D). (a) the surface strain 

calculated on the face of the tetrahedral lying on the surface, as used in this article, for determining 

cell differentiation stimulus values. (b) volume strain developed in the entire surface tetrahedral 

is used in literature for determining cell differentiation stimulus values. (c) strain on the individual 

faces of the tetrahedral after displacement of the top node. (d) strain of the tetrahedral after the 

same displacement of the top node. Note the difference in the strain values developed

A B

C D
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x 9.9 mm was created in a layer by layer fashion with a 90o angle rotation between successive 
layers. A fiber diameter of 250 μm, fiber spacing of 590 μm and layer thickness of 150 μm 
were chosen, giving pore sizes of 340 x 340 μm and 340 x 150 μm in the horizontal and lateral 
direction, respectively. Fiber diameter and layer height were determined by the hypodermic 
needle used. The fabricated scaffold was imaged with an eXplore Locus μCT scanner from 
General Electric and after reconstruction visualized with the freeware program microView 
2.1.2. Voxel size for the RP scaffold was 28.6 x 28.6 x 28.6 μm. Actual fiber diameter, spacing 

A B

Figure 2. Derivation of models for FEA and CFD from (a) plotted scaffolds through rapid prototyping 

and (b) CAD scaffolds 
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and layer thickness were determined from the scan (Supplementary Figure 1). Volume 
fractions were calculated by the mass of the scaffold and known density, and through the 
analytic output from microView. A region of interest, 1.75 mm x 1.75 mm x 1.5mm was selected 
from the center of the scaffold in microView and extended in one direction with void (2 x 0.1 
mm) to provide for a fluid in- and out-let to mimic the bioreactor environment. The result 
was exported in DICOM format to the imaging software program Mimics 14.0 (Materialise). 
DICOM images were segmented into a fluid (void) and material part thereby obtaining 
meshes with fully shared element faces between CFD and FEA models, while remeshing was 
performed to improve the quality of the meshes. 

A material and fluid CAD model were created in Solidworks 2009 (Dassault Sytèmes) and 
subsequently combined to enable the surface between the material and fluid model to be 
shared (Figure 2B). The result was exported to Mimics to obtain meshes with the same 
element size and mesh density as the µCT model and had fully shared element faces for the 
material and fluid model. Volume fraction was determined by the material volume of the 
material mesh in Marc Mentat and the dimensions given to create the CAD model. 

Material properties and boundary conditions

Volume meshes were achieved for CFD and FEA models in Mimics consisting of 4 node 
tetrahedra with 3 degrees-of-freedom. This resulted in 165’160 and 296’071 elements for 
the solid phase and 411’791 and 274’474 elements for the fluid phase of the µCT and CAD 
models, respectively. FEA was performed in Marc Mentat 2008 r1 (MSC Software), in which 
a total compressive strain of 10 % was applied to the material mesh by a die on top of the 
model. The bottom nodes of the model were fixed in the loading direction. Two nodes were 
fixed in either the X-direction or the Y-direction along the Y-axis or X-axis, respectively. These 
boundary conditions were applied to prevent rotation of the model under compression while 
allowing lateral expansion thereby simulating an unconfined compression. Linear elastic and 
isotropic material properties of 300PEOT55PBT45 were taken from the literature, for which a 
bulk Young’s modulus of 88 MPa 23 and a Poisson’s ratio of 0.48 19 were considered.

In Mimics, the regions for the boundary conditions fluid velocity inlet, zero pressure outlet 
and no slip at the walls were applied to the fluid volume mesh thereby simulating a close fit 
of the scaffold in the bioreactor. CFD simulations were performed with Fluent 12.0 (Ansys). 
Fluid velocities of 10, 25, 50, 75 and 100 µm/s were applied. The fluid was modeled as an 
incompressible Newtonian fluid based on culture medium properties, ρ = 1000 kg/m3 and μ = 
1.45e-3 Pa*s 1.

Simulation results

A Matlab script (Mathworks R2010a) was written to identify the shared element faces 
between the FEA model and CFD model based on the coordinates of the nodes. A Fortran 
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subroutine with user code was written and executed during a FEA simulation by Marc Mentat 
to calculate the surface strains; the strains of the element face lying on the surface of the 
material FEM. Additionally, the octahedral shear strain and the volumetric strains of the same 
element were calculated. The surface, volumetric and octahedral shear strain were defined 
as:

𝛾𝛾𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 =
𝜀𝜀1 − 𝜀𝜀2

2        (1)

With ε1 and ε2 the principal strains of the element face on the surface (Supplementary Figure 
2A).

        (2)

    
 (3)

with εI, εII and εIII the principal strains at the integration point of the same element 25 
(Supplementary Figure 2B).

Identification of the shared element faces enabled the visualization of the CFD simulation 
results on the material model in Marc Mentat. CFD simulations results were used to link 
the biophysical stimuli with cell differentiation throughout the FEA simulation through an 
adapted version of the mechano-regulation theory of Prendergast 15. 

        (4)

The fluid flow was substituted with the fluid wall shear stress τ 25 as calculated by Fluent, with 
γ either the surface, volumetric or the octahedral shear strain. Constants a and b were 0.0375 
and 0.010 Pa, respectively, as reported in literature 20, 25. The cell stimulus value (S) thresholds 
used for cell differentiation were 0 ≤ S <0.001 for resorption, 0.001 ≤ S < 1 for bone,  1 ≤ S < 3 
for cartilage, 3 ≤ S < 6 for fibrous tissue (FBT) and S ≥ 6 for necrosis 20, 25.  

Results

FEMs, FEA and CFD simulation results

The μCT scan showed a fiber diameter of 253.9 ± 18.5 μm, fiber spacing of 585.9 ± 8.5 μm 
and layer thickness of 149.3 ± 3.2 μm for the RP fabricated scaffold. The total volume of the 
scaffold was 929 mm3 with 50 % material and 50 % void/fluid. The μCT based model had a 
material fraction of 52 % and a volume fraction of 48 % with the fluid inlets not taken into 
account. For the CAD model, the total volume was 2.81 mm3 with 49 % material and 51 % void/
fluid in which the fluid inlets were not taken into account.

𝑆𝑆 =  𝛾𝛾
𝑎𝑎 + 𝜏𝜏

𝑏𝑏 

𝛾𝛾𝑣𝑣𝑣𝑣𝑣𝑣 =
𝜀𝜀𝐼𝐼 − 𝜀𝜀𝐼𝐼𝐼𝐼𝐼𝐼

2  

𝛾𝛾𝑜𝑜𝑜𝑜𝑜𝑜 =
2
3√(𝜀𝜀𝐼𝐼 − 𝜀𝜀𝐼𝐼𝐼𝐼)2 + (𝜀𝜀𝐼𝐼𝐼𝐼 − 𝜀𝜀𝐼𝐼𝐼𝐼𝐼𝐼)2 + (𝜀𝜀𝐼𝐼𝐼𝐼𝐼𝐼 − 𝜀𝜀𝐼𝐼)2 
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Compression simulation of the FEA model showed highest shear strain values at the crossing 
between two fibers of successive layers (Figure 3). The developed strains extended towards 
the center of the pore through the top and bottom part of the fiber spanning the pore. Shear 
strain magnitudes were highest for the octahedral shear strain followed by volumetric and 
surface shear strain (Figure 4, Table 1). The maximum and mean shear strain magnitudes were 
again highest for the octahedral shear strain.

Figure 3. Strain distribution in the (a) μCT scaffold  for the (b) surface shear strain, (c) octahedral 

shear strain and (d) volumetric shear strain upon 10 % total strain compression
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Table 1. Difference of mean and maximum value of the shear strains and fluid wall shear stress 

between the μCT and CAD model (10 % compression and 50 μm/s)

μCT CAD

Mean (%) Max (%) Mean (%) Max (%)

Surface Shear 

Strain

4.13 ± 2.8 16.3 2.47 ± 3.2 18.0

Volume Shear 

Strain

5.76 ± 3.0 30.6 3.47 ± 3.8 82.6

Octahedral 

Shear Strain

10.10 ± 5.4 50.9 5.99 ± 6.7 134.9

Mean (mPa) Max (mPa) Mean (mPa) Max (mPa)

Fluid velocity  

(50 μm/s)

4.52 ± 3.4 19.2 2.96 ± 2.7 18.4

Fluid wall shear stress magnitudes on the surface of the scaffold were determined by the 
architecture of the pores and the fluid inlet velocity (Figure 5). The distribution of the wall 
shear stresses were predominantly at the sides of the fibers spanning the pore. Increasing 
the fluid velocity led to higher mean and maximum fluid shear stresses on the wall (Table 2).

Figure 5. Fluid wall shear stress in the (a) μCT model from the side with (b) close-up and from (c) 

the top with (d) close-up  at an inlet fluid velocity of 50 μm/s
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Table 2. Maximum and mean fluid wall shear stress from different fluid velocities (μCT model)

Fluid Inlet Velocity (μm/s) Mean Shear Stress (mPa) Maximum Shear Stress (mPa)

10 0.88 ± 0.7 3.69

25 2.18 ± 1.6 8.92

50 4.52 ± 3.4 19.2

75 7.03 ± 5.2 28.3

100 9.43 ± 7.0 37.6

Stimulus predictions on cell differentiation

In order to demonstrate the full power of this method, the mechanical signals were combined 
with a current mechanobiological model to predict cell differentiation. Predictions of stimulus 
values matched the shear stress and strain distribution (Figure 6). At the location of crossing 
fibers, shear strains were high which was reflected in the cell stimulus value (Figure 6C, 6E 
and 6G). Predictions based on the octahedral shear strain displayed the highest cell stimulus 
values, followed by volumetric and surface shear strain. 

Tissue type prediction based on fluid flow alone showed that a velocity of 10 µm/s already 
resulted in a stimulus value for bone in the entire scaffold, with the exception of the edges of 
the scaffold which were not subjected to fluid flow in this model (Figure 6B and 7). For fluid 
flow velocities of 50 µm/s and onwards, cartilage tissue was predicted as well (Figure 6B and 
7). This resulted in a reduction of the percentage of bone down to 49.9 % for a fluid velocity 
of 100 μm/s. The fluid shear stresses were reflected in the cell stimulus distribution, such that 
at the sides of the fibers spanning the pore the high shear stresses resulted in an increased 
cell stimulus values (Figure 6).

Combining fluid flow and mechanical compression resulted in highest cell stimulus values 
around the crossing of fibers. At these locations, the mechanical compression is the 
dominating factor in predicting cell stimulus values. The fluid flow increased the cell stimulus 
values at the sides of the fibers spanning the pores.

CAD vs. μCT

The shear strain magnitude and distribution showed differences between the CAD and μCT 
based model (Figure 8A and 8C). FEA results of the CAD model showed higher maximum 
shear strains but lower mean shear strain values compared to the μCT model (Table 1, Figure 
4). The shear strain distribution in the CAD model was confined to the location of crossing 
fibers while in the μCT model, strains developed that extended through the top and bottom 
part of the fiber towards the center of the pore.

CFD simulations showed differences in the fluid wall shear stress magnitude (Table 1, Figure 
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necrosisFBTcartilageresorption bone

Figure 6. Tissue type distribution based on compression alone (left column) and compression 

combined with fluid flow (right column) for the μCT model. (a) no stimulus, (b) the effect of fluid 

flow alone, (c) effect of surface shear strain, (d) surface shear strain and fluid flow, (e) effect of 

volumetric shear strain, (f) volumetric shear strain and fluid flow, (g) effect of octahedral shear 

strain and (h) octahedral shear strain with fluid flow. Total strain of 10 % and fluid inlet velocity 

of 50 μm/s. It should be noted that the goal of this data is to illustrate the potential of this model 

and that more experimental data is necessary to properly link mechanical signals to cell behavior
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8B, 8D and 9). Contrary to the shear strain, both the maximum and mean fluid shear stress 
magnitudes were higher in the μCT model. The shear stresses in the μCT and CAD model 
acted in both models on the sides of the fibers spanning the pore.

The strain and stress distributions were reflected in the cell stimulus value distribution (Figure 
8E and 8F). Cell stimulus values based on the surface shear strain showed higher stimulus 
values directly beneath the crossing fibers. Higher cell stimulus values on the sides of the fiber 
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experimental data is necessary to properly link mechanical signals to cell behavior
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spanning the pore were related to the higher shear stresses from the fluid flow. The lower 
shear stresses in the CAD model resulted in a higher percentage of bone compared to the μCT 
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(b, d) fluid wall shear stress and (e, f) tissue type prediction and the (g) percentage of tissue type 

in the CAD (left bar) and μCT (right bar) model. Fluid inlet velocity of 50 μm/s and 10 % compressive 

strain. It should be noted that the goal of this data is to illustrate the potential of this model and 

that more experimental data is necessary to properly link mechanical signals to cell behavior
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model, 92.3 % and 89.1 % respectively in models without compression (Figure 8G). When 10 % 
compression is applied, the confinement of the strain distribution in the CAD model resulted 
in a higher percentage of bone, 68.7 % vs. 30.3 %. The percentage of cartilage on the other 
hand was always higher in the μCT model, with variations spanning from 0.6 % to 27.2 % for the 
CAD, and from 6.5 % to 68.3 % for the μCT model. The onset of fibrous connective tissue was 
predicted earlier in the CAD model.

Discussion

Tissue engineering aims at restoring or replacing malfunctioning tissues, as an alternative for 
autografts, allografts and xenografts. The well-established link between mechanical loading 
and fracture healing resulted in a number of mechano-regulation theories which were 
applied to tissue development in scaffolds. This knowledge can be used to develop scaffolds 
in combination with mechanical stimulation regimes to instruct seeded cells to differentiate 
towards for instance the osteogenic or chondrogenic lineage. Current numerical models 
described in literature are based on volumetric strains that develop within a biomaterial or 
within its pore space. As such, they either predict tissue formation in a stage where tissue is 
already formed in the pore volume, or are relating tissue formation to the deformation of 
the scaffold material itself. However, at the initial stage of tissue formation in a scaffold, cells 
adhere to the surface of the scaffold and start to excrete ECM, which only later fills the pore 
space of the biomaterial. At this initial stage the deformation of the surface of the scaffold 
material, as presented here, would thus better represent what the cells sense. This has not 
been accounted for in literature so far.
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This paper presents a model to predict the effect of mechanical compression and fluid flow 
on cells attached to the surface of a 3D RP tissue engineering scaffold. With this model the 
difference between the strains developed on the surface of the scaffold and the strains 
in the material fraction on the surface of the scaffold - termed volumetric strains - was 
investigated. Surface strain magnitudes were lower compared to the volumetric strain and 
the conventional octahedral shear strain, with the largest differences between the surface 
and octahedral shear strain (Table 1). We hypothesized that the cell material interface in a 
scaffold is initially a 2D phenomenon. This is likely to be the reason for the largest differences 
seen between the surface shear strain and the octahedral shear strain, which is essentially a 
3D representation of the deformation of the material. 

CFD analysis showed that narrowing of the pore resulted in a higher mean and maximum 
fluid shear stress for the μCT model with the same fluid flow settings (Table 1). Higher shear 
stress resulted in higher cell stimulus values, which is corroborated by the study of Olivares 
et al. (2009) who investigated, using CAD models, the influence of RP scaffold architecture on 
the differentiation of cells adhered to the scaffold surface. In their study, a fluid velocity of 10 
μm/s resulted in a surface area with a stimulus for bone of almost 100 %. In the study presented 
here, this was around 95 %. However, the remaining 5 % of the surface area was not subjected 
to fluid flow due to the boundary conditions applied mimicking a tight fit of the scaffold to 
the bioreactor wall. When increasing the fluid velocity to 100 μm/s the percentage of bone 
predicted by Olivares et al. (2009) was reduced considerably and replaced by cartilage which 
correlates with our results as well.

Making a model from μCT images is time consuming and therefore CAD models were 
developed that resembled the fabricated RP scaffold. In order to determine the need for 
μCT based models, the stress and strain distributions in scaffolds were predicted using 
both μCT and CAD based FEMs. Due to the RP technique used for fabricating the scaffold, 
gradual transitions between fibers of adjacent layers were seen in the μCT model while 
they were absent in the CAD model (Supplementary Figure 3). This difference in pore shape 
was reflected in different stress and strain distributions in the μCT and CAD model. In the 
μCT model the strains were able to extend further than the width of the fiber, while in the 
CAD model they were confined to that area. These differences were seen in the tissue type 
distribution as well. In the μCT model the mean shear strains were higher than in the CAD 
model, but the highest maximum shear strains were found in the CAD model (Table 1). This is 
due to the extending of the developed strains towards the center of the pore which resulted 
from the gradual transition of the fused fibers of adjacent layers. This resulted in a larger 
surface area that was affected by mechanical compression. It is difficult to compare these 
numbers with the results mentioned in literature, since the architectures of reported models 
are different from the models used in this study. The models reported here were based 
on RP scaffolds, while in literature compression moulded scaffolds 14, 17, 18, 25, 26 or different 
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architectural CAD models 20 were reported. 20 showed that the pore shape was important for 
the strain and stress distributions developed in his CAD models, as was seen in our study as 
well. To the best of our knowledge, this is the first study describing the biophysical stimuli 
for cells on the surface of a fabricated RP scaffold and the CAD model of the expected RP 
scaffold. 2 reported on the effect of intrinsic properties of scaffolds on tissue formation inside 
these scaffolds using a simple CAD model. Olivares used gyroid and hexagonal prism shaped 
CAD models to show that pore shape and scaffold architecture have a large influence on 
the surface biophysical stimuli for differentiating stem cells 20. In the study presented here, 
the fabricated RP scaffold had intrinsic patterns that were reproducible, but the difference 
seen in pore shape between the μCT and CAD model had a large influence on the stress and 
strain distribution (Supplementary Figure 3). This implies that either the RP technique used 
has to improve or that a CAD model alone is not sufficient for calculating reliable stress and 
strain distributions in the scaffold. Since the former will be hard to achieve due to the physical 
phenomena at the basis of solidification of the molten polymer after extrusion, it will most 
likely remain necessary to make a μCT scan of the fabricated scaffold in order to calculate the 
stress and strain distribution. Other RP techniques like Selective Laser Sintering (SLS) and 
printing suffer from the problem that particles need to be fused and the resolution of the 
fiber is determined by the particle size 28. Additionally, the surface roughness of the structure 
is large which will require a high resolution of the μCT scan if the strain on the surface of 
the material is to be approximated reliably. It is also known that surface roughness is able 
to direct differentiation, which is an unwanted side effect when it cannot be controlled 8, 29. 
Stereolithography could be very interesting in obtaining scaffolds which closely resemble CAD 
models 16. The downside of this technique however, is that a biocompatible photosensitive 
liquid resin is needed as base material, which makes the availability of biomaterials limited.

As for the μCT scans, the dimensions of the voxel size exceeds the size of the average stem 
cell. A better approximation of the strains experienced by the cells would be achieved by 
increasing the scanning resolution and the mesh size density, especially at highly curving 
surfaces. However, this will require a scanner with an extremely high resolution, and will be 
at the cost of computational power. In order to evaluate this effect, a scan of a scaffold with 
an isotropic voxel size of 10 microns was used to develop two models. One model had an 
element size of 10 micron while the other model was coarsened to have the same element size 
as the models described in this paper. Supplementary Figure 4 show very similar distributions 
(Supplementary Figure 4A and 4B) and no difference in strain magnitude (Supplementary 
Figure 4C). Although the size of the voxel size still exceeds the average stem cell, these 
results show that the voxel size limitation of the described models is small. 

In order to illustrate the potential of the method described in this paper, an established 
mechanobiological model was included to allow for the prediction of tissue differentiation 
based on the mechanical signals. When considering the cell stimulus calculations, the 
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constant a from equation 4 was taken from literature 20, 25. In that situation, the constant 
is specifically used for the octahedral shear strain. It is therefore uncertain whether the 
equation in its current form can be used to predict tissue formation in a tissue engineering 
environment when we consider the initial phase to be a 2D phenomenon. Additionally, 
the equation describing the mechano-regulation theory is derived by fitting data from a 
bone implant interface experiment. Although the resulting theory has shown to be able to 
predict tissue formation in other biological settings  11-13, a strong link between systematic in 
silico investigations and in vitro or in vivo experiments to validate the mechano-regulation 
theory in tissue engineering scaffolds does not yet exist. It is possible that the constants in 
the equation only have to be adapted to a value derived from a 2D environment, but the 
possibility exists that a new mechano-regulation theory will need to be developed in order to 
predict tissue development correctly in a musculoskeletal tissue engineering environment. 
For this purpose, we are currently developing a high-throughput screening system to study 
the effect of controllable scaffold strains and fluid flow shear stresses on cells. Results from 
these studies can then be used as input for the model presented here. 

The model described in this paper can be used for the initial stage of tissue formation in a TE 
scaffold when the cells are attached to the surface of the scaffold material. However, as the 
culture time progresses, cells will excrete ECM and often migrate into the pore fraction of 
the scaffold. The time needed for this to happen depends on a number of factors, such as the 
material and surface properties of the scaffold, the cell type used, and the seeding density. 
From that moment on, the cells will not experience the 2D surface strains, but rather 3D 
strains of the matrix in which they are embedded. Apart from that, tissue properties such as 
permeability to fluid and mechanical properties will have to be taken into account as they will 
have an effect on the distribution of the mechanical signals. 

In this study, the CFD and FEA simulations were run in different software packages. Results of 
the CFD simulation were used in the FEA simulation for predicting cell differentiation on the 
scaffold surface. The effect of compression induced fluid flow and the scaffold deformation 
due to fluid flow can therefore not be taken into account. Although the fluid flow is low and 
can probably be neglected as a factor for scaffold deformation, the compression induced 
fluid flow is likely to have a significant effect on cell differentiation predictions. A total 
compression of 10 % is applied and it is not unrealistic to assume that a fluid flow similar or 
higher than the fluid flow speeds described in this study will occur due to this compression. 
In order to simulate this, an iterative model should be developed that uses the simulation 
results of the previous iteration (CFD and FEA) and uses this in the current iteration of the 
complete simulation.

Interestingly, the fluid shear stress and mechanical strain were shown to act on different 
locations of the scaffold. Fluid shear stresses act on the side of the fiber spanning the 
pore, while mechanical strains act at the crossing of fibers and extended through the top 
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and bottom part of the fiber to the center of the pore. These observations are useful when 
designing a scaffold for a specific application. By changing the architecture of the scaffold, 
regions in the scaffold can for instance be subjected to stimuli for bone or cartilage based on 
compression, fluid flow or a combination of both. This makes it possible to develop a scaffold 
in which stimuli for only bone or cartilage are present, but one could also design a scaffold for 
a subchondral bone defect. Currently, the model is based on skeletal tissue formation having 
its origin in fracture healing. It therefore describes the possibility of stem cells to differentiate 
towards bone, cartilage and/or fibrous tissue. It is also possible however, to use the current 
FEMs for the formation of other types of tissue that are susceptible to mechanical loading, 
as long as mechano-regulation theories can be developed for the formation of these tissues.

Conclusion

Within this study, numerical models have been developed with which the biophysical stimuli 
on the surface of RP scaffolds can be determined. These models have shown that at the 
initial phase of tissue formation inside a musculoskeletal tissue engineering scaffold, the 
mechanical stimuli at the surface are different from the stimuli calculated from the pore 
space or material deformation. As such, this model offers an extension to previous models 
that predict tissue development at later stages. Furthermore, the technique used to fabricate 
the musculoskeletal scaffold determines if a μCT-scan has to be made from the scaffold to 
approximate the stress and strain distribution reliably or if a CAD model of the scaffold would 
suffice. The present model of calculating biophysical stimuli on the surface of a scaffold can 
be used to improve scaffold architecture a priori. Future work will focus on incorporating the 
second phase of tissue formation in the free pore space of the scaffold. After optimization 
of the cellular response by applying the results from the high-throughput screening system 
being developed in our group and extensive bioreactor studies, these models can be used 
to investigate systematically the effect of mechanical loading and perfusion on stem cell 
differentiation inside a scaffold in a dynamic in-vitro environment. 
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Supplementary figures

Supplementary Figure 1. Slice of μCT scan from which the fiber diameter (d1), fiber spacing (d2) 

and layer height (d3) was determined

d1 d2

2*d3

Supplementary Figure 2. Circles of Mohr depicting the (a) principal shear strain ε1, ε2  for the 

strains developed on the element face and the (b) principal strains εI, εII and εIII for the strains 

developed in the entire element lying on the surface of the model
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Supplementary Figure 3. Side view of scaffold showing the difference in pore shape between the 

(a) CAD model  and (b) μCT model
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Supplementary Figure 4. Strain distribution of the (a) 10 μm element size model and (b) 28 μm 

element size. (c) Histogram of the surface (red and yellow), volumetric (blue and purple) and 

octahedral (green and black) shear strains developed in the 10 μm and 28 μm element size models, 

with the dashed lines the mean shear strain for their respective shear strain
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Abstract

Scaffolds for tissue engineering applications should instruct cells with the appropriate signals 
to form the desired tissue. These signals include biophysical stimuli such as stress and strain, 
which can direct cellular behavior and differentiation. Apart from delivering instructive signals, 
scaffolds in load bearing application should also be capable of providing mechanical stability. 
Since both the scaffold strength, and stress and strain distribution throughout the scaffold, 
depend on the scaffold’s internal architecture, it is important to understand how changes in 
the scaffold’s architecture influence stress and strain distribution and thus cell behaviour. 
In this study, four scaffold designs with different architectures were produced using 
additive manufacturing. The designs varied in the fiber orientation, while the fiber diameter, 
spacing, layer height, and porosity were kept constant. Micro-CT scans of the scaffolds were 
made both in compressed and uncompressed states, and Finite Element Models (FEMs) 
were derived for Finite Element Analysis (FEA) and Computational Fluid Dynamics (CFD). 
Comparison of the µCT scans with the FEA results showed a high degree of correlation, thus 
validating the results of the FEA. Results of the FEA and CFD showed a significant impact 
of the scaffold architecture on fluid shear stress and mechanical strain distribution, and 
subsequently the prediction of cell differentiation stimulus values on the scaffold surface. 
The fluid shear stress was mainly influenced by the pore shape and size, while the mechanical 
strain distribution depended mainly on the presence or absence of supportive columns in the 
scaffold architecture. Together, these results show that the architecture of the scaffold can 
be exploited to design scaffolds with regions that guide specific tissues development under 
compression and perfusion. In conjunction with optimization of stimulation regimes during 
bioreactor culture, scaffold architecture optimization can be used to improve scaffold design 
for tissue engineering purposes.

Keywords: Finite Element Analysis, Computational Fluid Dynamics, additive manufacturing, 
validation
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Introduction

In the field of tissue engineering, a scaffold can be used to provide a temporary or 
permanent support structure for cells to form a tissue. In the specific case of musculoskeletal 
regeneration, a general tenet is the need for a scaffold design able to withstand load-bearing 
forces. From literature it is known that scaffold architecture influences the apparent stiffness 
of the scaffold 19, 20. The scaffold design can for instance be tailored to match native tissue 
mechanical properties 19. However, since changing scaffold architecture will change stress 
and strain distributions within the scaffolds during bioreactor culture under compression 
and perfusion, it is important to understand the relationship between scaffold design and 
biophysical signals 10.

It is becoming clear that cells are sensitive to deformations of their environment and adjust 
their behavior accordingly 3, 4, 30. A number of mechano-regulation theories exist that relate 
the biophysical stimuli to specific tissue formation 6, 9, 23, 24. By predicting the stress and strain 
distribution in a scaffold using Finite Element Analysis (FEA), and coupling this with cell 
differentiation and tissue formation 5, 7, 18, 26, these theories can be used to improve scaffold 
design parameters, such as the type of biomaterial, porosity, and architecture. Most mechano-
regulation theories reported in literature are based on a model proposed by Prendergast 15. 
With the aid of FEA, this mechano-regulation theory has been used extensively to predict 
bone healing in multiple settings 8, 12, but also to investigate the effect of scaffold properties 
on tissue formation in hypothetical 5 and Computer Aided Design (CAD)-based models of 
additive manufactured scaffolds 22 in a tissue engineering setting.

Byrne et al 5 used the mechano-regulation theory of Prendergast to investigate the effect of 
scaffold design on tissue formation. They showed that the Young’s modulus, porosity and 
dissolution rate of the scaffold was influential on cell differentiation and tissue formation in 
the scaffold. Olivares et al 22 investigated the effect of porosity, pore shape and size on cell 
differentiation stimulus values with variations of 2 regular scaffold architectures. This study 
also showed a strong relationship between pore size and porosity, and cell differentiation 
stimulus, but acknowledged the pore shape to be as important. 

Even though it has been shown that the pore shape of a scaffold has a large effect on the 
stress and strain distribution, a CAD based FEM is generally not able to capture the stress 
and strain distribution in actual scaffolds due to variations in scaffold architecture inherent to 
most fabrication processes 11. This means that FEMs should be based on µCT scans of actual 
scaffolds to obtain accurate representations of the pore shapes to investigate the effect of 
scaffold architecture on cell differentiation stimulus. 

Previous studies on the prediction of tissue formation based on µCT scans have been 
performed for salt-leached scaffolds 7, 18, 26. It proved to be valuable in showing the influence 
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of pore shape on stress and strain distribution. Yet, the salt leaching fabrication process 
makes it is difficult to control pore size, shape and porosity and obtain reproducible scaffolds, 
thereby rendering it a suboptimal method to investigate the influence of scaffold architecture 
on cell behaviour. 

Additionally, mechano-regulation models reported in literature are based on volumetric 
strains. However, at the initial stage of cell differentiation, the cell is attached to the scaffold 
surface. Since cells can only sense deformations up to a small distance 4, 28, a model using 
surface strains instead of volumetric strains will provide a better representation of the initial 
signals that cells seeded on a scaffold will experience. We have shown previously for a single 
scaffold architecture that the predicted strain for the scaffold material volume is considerably 
higher than the predicted strain for the scaffold surface on which cells are attached 11, 
indicating that most current models overestimate the mechanobiological signals that cells 
experience.

In this study, additive manufacturing (AM) was used to produce scaffolds with four different 
scaffold designs. AM ensures a high controllability and reproducibility of the scaffold 
architecture, so that the fiber diameter, fiber spacing, layer thickness, and porosity were 
constant across the different designs. By changing the angle of layer deposition and shifting 
layers laterally, different architectures were obtained. In order to investigate the effect of 
scaffold architecture on stress and strain distribution and subsequently cell differentiation 
stimulus prediction, µCT based models of the scaffolds were prepared and stress and strain 
distributions within the scaffolds were predicted using Computational Fluid Dynamics (CFD) 
and FEA.

The results show a distinct effect of the scaffold architecture on surface strains and fluid 
shear stresses under mechanical compression and imposed fluid flow. As reported before, 
the octahedral shear strain magnitudes exceed the surface shear strain magnitudes, which is 
reflected in the cell differentiation stimulus values on the scaffold surface. The results of the 
study show that regions of the scaffold could be designed favoring specific cell differentiation 
stimuli. The coupling with biophysical loading regimes a priori in-silico, could accelerate the 
design of scaffolds and optimize the loading regimes for tissue engineering purposes.   

Materials and Methods

Scaffold fabrication

Scaffolds were fabricated by a bioscaffolder (SYSeng, Germany), as previously described 11. 
Briefly, granules of the block copolymer 300PEOT55PBT45 (PolyVation B.V.) were heated to 
190 – 200 oC. An applied nitrogen pressure of 5 bar and an auger screw jacket rotating at 200 
RPM extruded the molten polymer through a 250 µm inner diameter needle (DL technology) 
on a stationary platform. Scaffolds were fabricated through layer-by-layer deposition, in 
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which the angle between layers, fiber spacing and layer thickness can be set while the fiber 
diameter depends on the needle size chosen. A scaffold block of 30 x 30 x 2,1 mm was created 
for four different architectures (Figure 1). All architectures had a fiber spacing of 1000 µm and 
a layer thickness of 150 µm. The 0/90 architecture had a 90o angle between successive layers, 
while the 0/45 had a 45o angle between layers. The 0/90 offset and 0/45 offset had the same 
parameters as the 0/90 and 0/45 architectures respectively, but the layers with the same fiber 
direction were shifted 500 µm in the lateral direction of subsequent layers thereby creating 
a staggered architecture. Cylindrical scaffolds of 8 mm in diameter were obtained by using a 
biopsy puncher (Miltex). The actual fiber diameter, spacing and layer height were measured 
from the µCT images in the freeware program MicroView 2.1.2. Five random measurements 
were taken for each scaffold and the average and standard deviation were calculated. The 
porosity was determined for the whole scaffold and the selection of the scaffold used to 
make the model. The porosity was calculated as the ratio of the material volume to the total 
volume. The total volume was taken as the outer geometry and the material volume was 
given by MicroView.

Micro CT scanning

Scaffolds were scanned with a Scanco µCT 40 (Keele) in a custom designed holder with 
which a fixed compression can be applied, as previously described 1. Briefly, a scaffold 
was placed in a cylinder and compressed by a piston that was fixated in its position by two 
screws. The compression was displacement-controlled by using a Bose Electroforce (Keele). 
Scaffolds were scanned with or without a 10 % compression applied. Voxel sizes were 10 x 10 x 
10 µm for all scans performed. Scans were exported as DICOM for further processing to FEA 
and Computational Fluid Dynamics (CFD) meshes.

Figure 1. The four architectures of the scaffolds with 0/45 (A), 0/45 offset (B), 0/90 (C) and 0/90 

offset (D)

A B C D
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Meshes for FEA and CFD

To compare the simulated deformation with the compression scanned deformation, all scans 
of the uncompressed scaffolds were downsampled to a voxel size of 20 x 20 x 10 µm. The 
result was segmented for the material part to obtain a surface mesh of the whole scaffold. 
Remeshing was applied to improve the quality of the mesh and reduce the number of 
finite elements to be able to simulate the whole scaffold with finite element analysis.

In order to investigate the influence of scaffold architecture on tissue stimulus predictions 
on the scaffold surface, a region-of-interest was selected from the center of the scaffold 
consisting of at least 2 pores in the lateral directions and 9 layers in the vertical direction. 
Fluid flow inlets were added by expanding the selection in the vertical direction with 2 x 100 
µm void. The results were exported as DICOM to Mimics (Materialise) and segmented with 
the material as scaffold and the void as fluid volume. Remeshing was applied to improve the 
quality of the meshes.

FEA and CFD set-up

Linear elastic and isotropic material properties of 300PEOT55PBT45 were taken from 
literature, for which a bulk Young’s modulus of 88 MPa 25 and a Poisson’s ratio of 0.48 19 were 
considered. An unconfined compression was simulated in Marc Mentat 2014 (MSC software) 
by applying the appropriate boundary conditions for preventing rotation of the FEM but 
allowing lateral expansion. The FEM was placed between two dies from which the top die 
applied the 10 % compression.

The boundary conditions for CFD, fluid inlet, zero pressure outlet and no slip at the boundary 
wall, were assigned to the fluid volume mesh in Mimics simulating a close fit of the scaffold 
in a bioreactor. CFD simulations were performed in Fluent 13.0 (Ansys) with a fluid velocity 
of 100 µm/s. The fluid was modeled as an incompressible Newtonian fluid based on culture 
medium properties, ρ = 1000 kg/m3 and μ = 1.45e-3 Pa*s 2.

Simulations

a) validations

For the validation between the scanned and simulated compression of the scaffold, the 
deformed mesh of the FEM from the complete scaffold was exported. In Mimics the meshes 
were superimposed for their fit and visually assessed for their similarities. 

b) Differentiation stimulus

A custom-made Matlab script identified the shared surface faces of the CFD and FEA models. 
A Fortran subroutine with user code was written and executed during a FEA simulation by 
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Marc Mentat to calculate the surface strains; the strains of the element face lying on the 
surface of the material FEM 11. The octahedral shear strains were also calculated for the same 
elements. The surface and octahedral shear strain were defined as:

       (1)

With ε1 and ε2 the principal strains of the element face on the surface.

     
  (2)

with εI, εII and εIII the principal strains at the integration point of the same element 26.

Identification of the shared element faces enabled the visualization of the CFD simulation 
results on the material model in Marc Mentat. CFD simulations results were used to link 
the biophysical stimuli with cell differentiation throughout the FEA simulation through an 
adapted version of the mechano-regulation theory of Prendergast 15.

        (3)

The fluid flow was substituted with the fluid wall shear stress τ 26 as calculated by Fluent, 
with γ either the surface or the octahedral shear strain. Constants a and b were 0.0375 and 
0.010 Pa, respectively, as reported in literature 22, 26. The cell stimulus value (S) thresholds used 
for cell differentiation were 0 ≤ S <0.001 for resorption, 0.001 ≤ S < 1 for bone,  1 ≤ S < 3 for 
cartilage, 3 ≤ S < 6 for fibrous tissue (FBT) and S ≥ 6 for necrosis 22, 26.

Results

Scaffold characterization

The experimentally determined fiber spacing and layer thickness was similar for scaffolds of 
all prepared geometries (Table 1). The measured fiber diameter was slightly smaller for the 
0/45 offset geometry, which could be due to the larger unsupported gaps these fibers have to 
span in this conformation, leading to local variations in the fiber thickness. A slight variation 

Table 1. Scaffold measurements based on µCT scans

Architecture Fiber diameter 
(µm)

Fiber spacing 
(µm)

Layer thickness 
(µm)

Porosity  model % 
(Porosity scaffold %)

0/45 194 ± 11 992 ± 21 151 ± 3 72.6 (74.4)

0/45 offset 214 ± 5 982 ± 21 151 ± 4 63.6 (64.1)

0/90 212 ± 13 990 ± 20 150 ± 13 62.4 (66.3)

0/90 offset 222 ± 13 982 ± 13 151 ± 3 67.0 (68.5)

𝛾𝛾𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 =
𝜀𝜀1 − 𝜀𝜀2

2  

𝛾𝛾𝑜𝑜𝑜𝑜𝑜𝑜 =
2
3√(𝜀𝜀𝐼𝐼 − 𝜀𝜀𝐼𝐼𝐼𝐼)2 + (𝜀𝜀𝐼𝐼𝐼𝐼 − 𝜀𝜀𝐼𝐼𝐼𝐼𝐼𝐼)2 + (𝜀𝜀𝐼𝐼𝐼𝐼𝐼𝐼 − 𝜀𝜀𝐼𝐼)2 

𝑆𝑆 =  𝛾𝛾
𝑎𝑎 + 𝜏𝜏

𝑏𝑏 
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in the porosity of the printed scaffolds was 
observed, ranging from 64 % for the 0/45 offset 
geometry, to 74 % for the 0/45 geometry. The 
porosity of the FEMs correlated well with the 
printed scaffolds.

Model validation

To validate the FEA simulation, a FEM was 
made for both the compressed and non-
compressed µCT scanned scaffold using the 
same methodology. The compression simulated 
FEM was exported and superimposed on the 
compression scanned FEM in Mimics. Ideally, 
the compression simulated FEM would overlap 
perfectly with the FEM prepared based on the 
compressed µCT scanned scaffold. A visual fit 
of the simulated and compressed model for the 
different architectures is shown in Figure 2 for the 
0/90, 0/90 offset and 0/45 offset architectures. 
There is a high degree of overlap between 
the simulated and compressed models for the 
different architectures, showing that the FEA 
simulation replicates the compression of the 
scaffolds well.

FEA simulation

Using FEA simulation, FEM of the different 
architectures were subjected to a compressive 
strain of 10 %. For the 0/90 and 0/45 scaffolds the 
strain was confined to the area where the fibers 
cross and minimally extends towards the center 
of the pore. In the 0/90 offset and 0/45 offset 
the strain also developed at the crossing of the 
fibers, but extended further towards the center 
of the pore (Figure 3). The fraction of the surface 
area affected by the mechanical compression 
was therefore higher for the offset architectures. 
For the 0/90 architecture, the strain magnitudes 
were higher compared to its offset architecture 

Figure 2. Superimposed image of 

compression scanned (pink) and 

compression simulated (blue-green) for 

0/45 offset (A), 0/90 (B) and 0/90 offset (C) 

scaffolds showed good results. 

A

B

C
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counterpart while the strain magnitudes for 0/45 offset were higher than the 0/45 architecture 
(Table 2, Figure 3E). For all architectures, the average strain magnitudes were higher for the 
octahedral shear strain than for the surface strain. 

CFD simulation

The fluid wall shear stress magnitude was highest on the lateral sides of the fibers in all 
architectures (Figure 4). The mean magnitude of shear stress was highest for the architectures 
with the offset (Table 1) while it was the lowest for the 0/90 scaffold. The shear stress 
histogram (Figure 4E) showed a higher frequency of higher shear stress magnitudes for the 
0/45 offset (yellow) and 0/90 offset (blue), while it shows a higher frequency of the lower 
shear stress magnitudes for the 0/90 (green) and 0/45 (red) scaffold. In the 0/90 scaffold, 
the top fibers shielded the lower fibers from shear stress along the top side of the fiber. For 
the 0/90 offset scaffold, the shielding effect was reduced. The shielding could be seen to a 
lesser extent in the 0/45 and 0/45 offset scaffolds. Additional models using different fluid flow 
velocities showed that the magnitudes of the shear stress depended on fluid flow velocity, 
but that the shear stress distributions were independent on inlet fluid velocities (data not 
shown).

Table 2. Average mechanical shear strains and fluid shear stresses

Architecture Surface Shear Strain 
(-)

Octahedral Shear 
Strain (-)

Fluid Wall Shear 
Stress (mPa)

0/45 0.0110 ± 0.0150 0.0350 ± 0.0456 4.4 ± 2.9

0/45 offset 0.0166 ± 0.0144 0.0531 ± 0.0451 5.6 ± 4.2

0/90 0.0214 ± 0.0252 0.0756 ± 0.0747 3.6 ± 3.0

0/90 offset 0.0096 ± 0.0074 0.0276 ± 0.0212 6.8 ± 4.3

Cell differentiation stimulus prediction on the surface

For the prediction of cell differentiation stimuli, a current mechano-regulation theory was 
applied relating the shear strain and fluid shear stress with cell differentiation. Prediction 
of the cell differentiation stimulus based on the surface shear strain with mechanical 
compression alone, showed very similar results to the strain distribution (Figure 3, 5 and 6). 
At the crossings of fibers, higher stimulus values were found resulting in cartilage for all but 
the 0/90 offset architecture while in the 0/45 and 0/90 scaffolds patches of fibrous tissue was 
predicted (Figure 7). The 0/90 offset predicted bone formation and even some resorption 
for the 10 % applied compression. However, the cell differentiation prediction based on 
the octahedral shear strain showed 63 % cartilage in the 0/90 offset. For the 0/45 and 0/90 
architectures, all stimulus values were increased and even showed considerable amounts of 
necrotic stimulus values. 
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The cell differentiation prediction stimulus based on fluid wall shear stress, shows high 
similarities with the shear stress distribution (Figure 4, 5 and 6). In the 0/45 and 0/90 scaffolds, 
bone and small amounts of cartilage for a fluid velocity up to 100 µm/s were predicted. 
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Figure 3. Shear strain distribution of 0/45 (A, F), 0/45 offset (B, G), 0/90 (C, H) and 0/90 offset (D, I) 

for surface shear strain (A-D) and octahedral shear strain (F-I) and histogram of the shear strains 

developed (E) after 10 % compression applied.
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However, for the 0/45 offset and especially the 0/90 offset, cartilage was predicted already 
at 75 µm/s (data not shown) and showed a considerable amount of cartilage at 100 µm/s; 15 % 
and 25 % respectively (Figure 7). 

When the cell differentiation prediction was based on a combination of surface shear strain 
and fluid shear stress, the effects of 10 % mechanical compression and 100 µm/s fluid velocity 
was additive. Within the 0/45 scaffold the amount of cartilage increased from 4 % to 21 %, and 
small patches of fibrous tissue were predicted (4 %). However, with the octahedral shear 
strain, besides more cartilage (51 %), also necrotic tissue was predicted (2 %) (Figure 7). The 
0/45 offset showed a higher prediction for the amount of cartilage with the octahedral shear 
strain (46 % vs 59 %), while more fibrous (14 %) and necrotic (3 %) cell stimuli values were 
also predicted. For the 0/90 scaffold, more cartilage and fibrous tissue was predicted with 
the octahedral shear strain compared to the surface strain (33 % and 1 % vs 45 % and 13 %, 
respectively). With the octahedral shear strain, significant amounts of necrotic tissue (15 %) 

Figure 3. (continued from previous page)
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were also predicted. In the 0/90 offset, the amount of cartilage predicted increased with both 
shear strains (from 25 % without strain to 43 % and 63 % with surface strain or octahedral strain 
respectively) while with octahedral shear strain some fibrous tissue was also predicted (3 %). 
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Figure 4. Fluid shear stress distribution of 0/45 (A), 0/45 offset (B), 0/90 (C) and 0/90 offset (D) and 

histogram of the fluid shear stresses developed (E) with a 100 µm/s inlet fluid velocity.
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necrosisFBTcartilageresorption bone

Figure 5. Cell differentiation stimulus distribution for 0/45 (A - F) and 0/45 

offset (G - L) based on fluid flow alone (B, H), surface shear strain alone (C, I), 

octahedral shear strain alone (E, K), fluid flow and surface shear strain (D, J), 

fluid flow and octahedral shear strain (F, L) for a imposed fluid flow of 100 µm/s 

and 10 % compression.
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necrosisFBTcartilageresorption bone
Figure 5. (continued from previous page)
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necrosisFBTcartilageresorption bone

Figure 6. Cell differentiation stimulus distribution for 0/90 (A - F) and 0/90 offset (G - L) based on 

fluid flow alone (B, H), surface shear strain alone (C, I), octahedral shear strain alone (E, K), fluid 

flow and surface shear strain (D, J), fluid flow and octahedral shear strain (F, L) for a imposed fluid 

flow of 100 µm/s and 10 % compression.
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necrosisFBTcartilageresorption bone

Figure 6. (Continued from previous page)
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Figure 7. Percentages of cell differentiation stimulus values on the surface of the scaffold for the 
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Discussion

In tissue engineering, scaffolds designed for load bearing applications should provide an 
environment that is capable of withstanding the forces that arise during the daily activities 
of a patient. Apart from that, the scaffold should provide cell differentiation stimuli to cells 
cultured in the scaffold to assure optimal tissue development. An important stimulus in this 
aspect is the dynamic mechanical environment that a scaffold can offer to the cells residing 
on the scaffold 13, 14, 16, 29. By adapting the scaffold architecture, different stress and strain 
distributions can be achieved resulting in different cell differentiation stimuli for different 
architectures. In this paper, four scaffold designs were used which only differed in the pore 
shape by using the same fiber diameter, spacing, porosity and layer thickness. By changing the 
layer orientation, only the effect of scaffold architecture on the stress and strain distribution 
and subsequently the cell differentiation stimulus was investigated. Measurements of the 
fiber diameter, spacing, layer thickness and porosity from the µCT scans showed similar values 
across all the architectures. The derived FEM from the respective scaffold showed to have the 
same porosities, indicating that a representative FEM was obtained for each architecture. 
Taken these results together, it showed that the orientation angle between layers was the 
only variable across the four different scaffolds. 

Baas et al 1 have previously reported on the device that is used in this study to obtain µCT 
scans of compressed scaffolds. Using this device, scaffolds were fixed at a compression of 
10 % and subsequently scanned. FEMs of the same complete scaffold were simulated to the 
same 10 % compression. The simulated FEM was superimposed on the compression scanned 
scaffold and showed very good visual results (Figure 2). Unfortunately, applying the same 
mesh mapping on both the scanned and FEM was not possible and therefore no value for the 
correctness of the fit could be determined 21. However, comparison of the µCT scans with the 
FEA results showed a high degree of correlation, thus validating the results of the FEA.   

In this study, a combination of FEA and CFD revealed the influence of scaffold architectures on 
the stress and strain distribution within the scaffold. For mechanical compression, the strain 
mainly developed at the crossing of fibers.  Both the magnitude of the strain and the surface 
area affected by the mechanical compression were influenced by the scaffold architecture 
(Figure 3). In the 0/90 and 0/45 scaffolds, the crossings of the fibers were located at the same 
position in each layer creating a vertical supporting column for the load. When looking at a 2 
x 2 pore section of the scaffolds, the 0/90 has nine of these vertical supporting columns while 
the 0/45 has six columns through which the load was transferred. Therefore, the 0/45 has 
less area for supporting the load and the magnitude of strain was highest in this architecture. 
Additionally, because of this column, the surface area that was affected by the mechanical 
compression was confined to a small area around the crossing of the fibers. In the 0/45 offset 
and 0/90 offset, these vertical supporting columns were absent and subsequently, the surface 
area affected by the mechanical compression was much higher. This was accompanied by 
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strain magnitudes which were lower as the load was carried by the complete scaffold section. 

The findings in this study are in line with previous studies reporting a dependence of 
strain profiles under compression on the scaffold pore architecture. Milan et al 18 studied 
a compression molded scaffold with a non-regular pore distribution and observed 
heterogeneous strain distribution at higher loads. This corroborated with the heterogeneous 
porosity, pore shape and size of the scaffold. The scaffold architecture and its influence on 
strain distribution was also recognized by Sandino et al 27. Olivares et al 22 used CAD models 
of different hexagonal and gyroid scaffolds for their study and also confirmed the strong 
influence of pore shape, size and porosity on the strain calculation. The results described here 
are in line with the aforementioned studies. However, by investigating the strains that are 
developed on the scaffold surface, this current study provides a better understanding of the 
exact mechanical signals that the cells attached to the scaffold surface experience.

Apart from strain values, the results of fluid flow analysis also depended on the pore shape 
(Figure 4). In all architectures the fluid flow acted mainly at the sides of the fiber. Fibers 
located closest to the fluid inlet shielded the fibers in the lower layers oriented in the same 
direction from fluid flow and thus fluid shear stress. This was especially apparent in the 0/90 
architecture. Although in the 0/90 offset scaffold this phenomenon was significantly reduced, 
the shielding was still present. For the stress magnitude, the effective pore shape and size 
dictated the shear stress magnitude. The 0/90 architecture had effectively the largest pore 
size and therefore the lowest fluid shear stresses of all scaffolds. On the other hand, the 
0/90 offset had effectively the smallest pore size and therefore developed the highest shear 
stresses throughout the scaffold. The same trend was seen in the 0/45 and 0/45 offset. Here, 
the offset of the fibers effectively reduced the pore size and shape, which increased the 
fluid shear stress magnitudes compared to the 0/45 scaffold. Both scaffolds had shear stress 
magnitudes which were in between the values for the 0/90 and 0/90 offset architectures. 
Comparing our results with literature, similar values for shear stress magnitudes with an 100 
µm/s fluid velocity can be inferred 17. Also, Olivares et al 22 investigated the effect of a range of 
fluid velocities on shear stress distribution and magnitudes. Despite reporting only the highest 
shear stresses observed, they showed that the shear stress distribution and the magnitude 
of the stresses depended on the pore shape architecture. These results corroborate our 
findings that the pore shape and size have a determining influence on the mechanical signals 
that are sensed by the cells due to fluid perfusion through a scaffold.

In order to determine the effect of different stress and strain distributions on the potential 
cell differentiation in the initial stage of cell attachment and differentiation on the surface of a 
tissue engineering scaffold, an adaptation of the mechano-regulation theory of Prendergast 
was used. The original theory combines octahedral shear strains with fluid flow shear stresses 
to predict cell differentiation 26. However, since the octahedral shear strain is a strain that acts 
in the volume of a material, the original model is not able to correctly predict the behavior 
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of cells that are seeded on the surface of a material. This study shows that for all scaffold 
architectures, the octahedral shear strain is higher than the surface shear strain, which means 
that current models available in literature overestimate the mechanical signals that cells 
experience, which results in an incorrect prediction of the cellular response. 

The higher shear strain values seen from the mechanical compression at the crossing of 
the fibers resulted in more cartilage formation and in some cases fibrous tissue at these 
locations. For all scaffolds, even necrotic tissue was predicted for the octahedral shear strain 
based simulations. However, large differences could be seen between the different scaffold 
architectures. Especially between 0/90 and 0/90 offset the amount of cartilage formed for the 
0/90 offset architecture was much higher. The influence of fluid flow on cell differentiation 
prediction showed results that correlated with fluid shear stress distributions. For the 0/90 
offset architecture, the higher fluid shear stresses resulted in a larger amount of cartilage 
prediction, while predicted cartilage formation was lowest for the 0/90 architecture. The 
results from this study correlate well with a study by Olivares et al 22. At an inlet velocity of 
100 µm/s, they reported predicted percentages for cartilage differentiation ranging from 18 
% to 45 % depending on the scaffold architecture. The remaining fraction mainly resulted in 
bone differentiation which makes this inlet velocity beneficial for osteochondral constructs. 
The higher amount of cartilage predicted by Olivares compared to our study can be linked to 
the lower porosity of some of the architectures studied by Olivares which ranged from 55 % 
to 70 %. Compared to the approximately 70 % porosity for the architectures used in our study, 
this resulted in higher internal fluid flow velocities and thus a larger surface fraction being 
exposed to higher stimulus values.  

The combination of fluid flow and mechanical compression on cell differentiation stimulus 
prediction showed that the scaffold architecture had an effect on the relative contribution of 
both mechanical stimuli on cell differentiation stimulus values. Even though Figure 7 shows 
that stimulus values increase with an increasing applied compression for all geometries, 
this effect is relatively strong for the 0/90 geometry and relatively weak for the 0/90 offset 
geometry. This shows that in a geometry where compressive loads are distributed well over 
the scaffold volume, such as the 0/90 offset geometry, the relative effect of fluid perfusion 
on cell differentiation is increased. In a geometry where compressive loads are concentrated 
at specific locations due to supporting columns on the other hand, high local stimulus values 
will arise as a result of compression, which means that the relative effect of compression on 
cell differentiation is high.  For the prediction based on fluid shear stress and octahedral shear 
strain, the effect was more pronounced. In the 0/45 offset and 0/90 architectures significant 
more necrotic tissue was predicted; concomitantly, the percentage of bone predicted 
decreased sharply. These results show again that the calculations based on the octahedral 
shear strain possibly overestimate the cell differentiation stimulus values in the initial phase 
of cell differentiation on the surface of tissue engineering scaffolds. 
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Even though the model in this study gives a better approximation of the mechanical signals 
that cells seeded on a scaffold surface experience compared to models that are based 
on octahedral shear strains or other volume strain values, The actual mechanical signals 
perceived by cells at the cellular level may be different. Zhao et al 31  used a multiscale model 
of an idealized CAD model and showed that the cellular placement on either the surface wall 
or bridging the scaffold pore has an effect on the signals experienced by the cell, as the shear 
strain and stress were of different magnitudes. Although the amount of cells placed were low 
and their morphology was not representative, the idea of using multiscale models to even 
better estimate the local shear strain and stress is a valid one.

Conclusion

The results of this study show that the scaffold architecture has a significant influence on 
the stress and strain distribution. By only changing the angle of orientation between layers, 
different scaffold architectures were obtained while keeping the fiber diameter, spacing, 
layer thickness and porosity constant. Removing the possibility of load bearing with a 
column from top to bottom of the scaffold, or even reducing the amount of columns in a 
scaffold, affected the strain distribution significantly. Additionally, the different architectures 
changed the effective pore size and shape which subsequently influences the fluid shear 
stress distribution. Therefore, by only changing the angle of orientation, the influence on the 
stress and strain distribution could be exploited to design scaffolds for specific applications. 
Although in this study the material properties were based on PEOT/PBT, this methodology can 
be used for different biomaterials with different mechanical properties. The possibilities to 
design a scaffold with desired stress and strain distribution are therefore unlimited. Coupling 
these models with bioreactor studies to experimentally determine cellular differentiation 
within scaffolds subjected to specific fluid perfusion and compression regimes could provide 
valuable insights in the design of scaffolds and culture conditions for osteochondral, bone 
and cartilage replacements.
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Towards 4D Scaffolds for Tissue Engineering: an Intrinsic Time Dependent Stimulus 

It is becoming increasingly apparent that cells react to biophysical cues which can influence 
cellular behavior and the quality of the regenerated tissue.2, 8 A considerable amount of 
research is dedicated to the effect of scaffold fabrication and conditioning of cells through 
mechanical stimulation to improve the final engineered tissue functionality.7, 18 As such, 
bioreactors have provided invaluable insights on the effect of mechanical stimuli on cell 
differentiation and tissue formation.13, 21 Yet, a bioreactor is an expensive and complex 
equipment to apply a controlled dynamic mechanical loading while the on-line monitoring 
of cell growth and tissue formation is currently limited. In bioreactors, medium perfusion 
is often necessary to facilitate mass transfer and providing physiologically relevant stimuli.11 
An intriguing option would be the use of a scaffold made of a material possessing the 
intrinsic property of providing a mechanical stimulus itself. Shape memory materials may 
offer such properties. Shape memory polymers (SMPs) are being widely investigated as 
their potential for medical applications is enormous.10, 17, 19 SMPs possess the unique ability 
to recover to a permanent “memorized” shape as a consequence of the application of an 
external stimulus, more often thermal, but also chemical or electromagnetic. When a thermo-
responsive shape memory material, after being deformed into a temporary shape, reaches 
its transition temperature (Ttrans), shape memory effects are triggered and the permanent 
shape is recovered.12 Only a few studies exploited the concept of shape memory to study 
the effect of a one-time mechanical stimulus on adherent cells on 2D sheets.3, 14 So far, 
shape recovery in open porous 3D scaffolds has not been investigated. Utilizing a 3D SMP 
scaffold as an alternative bioreactor is suggested but is still in its infancy.3 Obtaining a 3D SMP 
scaffold with controllable and reproducible architecture through additive manufacturing has 
not been described in literature yet and is an appealing approach to combine mechanical 
stimulation with 3D cell culture for tissue regeneration applications. The goal of the study 
was to obtain 3D SMP scaffolds with controllable and reproducible scaffold architectures. 
SMP scaffolds were obtained through additive manufacturing, thus approaching 4D printing 
where conventional 3D printing technology is combined with the time-controlled shape 
change of SMPs. A custom made stretcher was designed and realized with the aim to control 
the deformation of the 3D scaffold. 

With additive manufacturing, 3D SMP scaffolds were obtained with an actual fiber spacing 
of 982.1 ± 11 µm, a fiber diameter of 170.8 ± 5 µm and a layer height of 154 ± 2 µm, which 
corresponded well with the expected values. Thermo dynamic mechanical analysis performed 
on the 3D scaffolds with a 0/90 and 0/45 layer configuration, showed a temperature 
dependence for the storage modulus (E’) and Tanδ (Figure 1A and 1B). A decrease of E’ was 
evident, as a consequence of the transition from the glassy to rubbery state. The onset 
temperature of this transition was 21.5 °C for the two configurations. Comparing the two 
configurations, a lower storage modulus for 0/45 can be detected indicating that changing 
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the fiber orientation can differentially affect the mechanical behavior of the scaffolds. The 
thermal behavior of tanδ (Figure 1B) showed two peaks, at 32.2 °C related to the material 
Tg which is the melting temperature of the soft segment and thereby activating the shape 
memory effect, and around 150 °C which is related to the melting temperature of the hard 
segment. 

The shape strain recovery was determined by stretching the 3D scaffolds to 15 % strain at 
65 oC, cooling down to 15 oC to fix the temporary shape and heated either with a controlled 
temperature ramp (Figure 1C) or at 37 oC without restriction (Figure 1D). Upon heating, the 
strain recovery linearly increased with temperature, reaching a higher shape recovery for the 
0/45 layer configuration than for the 0/90 (Figure 1C). An immediate recovery was detected 
(Figure 1D) at a constant temperature (i.e. T = 37 °C). As previously observed, the 0/45 
layer configuration exhibited a higher shape recovery, probably due to the different fiber 
configuration.

After successfully obtaining 3D SMP scaffolds and characterizing shape memory behavior, 
we aimed at proving cell culture on these 3D SMP scaffolds. The used SMP composition 
marginally supported the attachment of human mesenchymal stromal cells (hMSCs). 

Figure 1. Thermo Dynamic Mechanical Analysis of SMP scaffolds with 0/45 (black) and 0/90 (red) 

layer configuration: (A) Storage Modulus and (B) Tan delta vs. temperature. Shape memory 

behavior with (C) ramp temperature and (D) at 37 °C for 720 minutes.

A B

C D
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Therefore, surface functionalization was performed by covalently binding collagen type I to 
improve cell attachment. Scaffolds of 0/90 and 0/45 layer angle orientation were seeded with 
hMSCs and cultured at 37 oC for 14 days. Methylene blue staining showed a homogeneous 
distribution of cells attached throughout the scaffold (Figure 2A-D). Cell viability assessed 
after 7 and 14 days of in-vitro culture (Figure 2E and 2F) showed a high ratio of living to dead 

Figure 2. (A and C) Top and (B and D) side view of cell attachment of statically seeded (A and B) 

0/45 and (C and D) 0/90 SMP scaffolds after 14 days of in-vitro cell culture at 37 oC. (E and F) Live/

Dead staining of statically seeded (E) 0/45 and (F) 0/90 SMP AM scaffolds after 14 days of in vitro 

cell culture at 37 oC. (G-J) (scalebar A-D is 1000 µm and E and F is 500 µm)

A B

C D

E F
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cells on all scaffolds. The good cell attachment, ECM deposition and viability confirmed SMP 
cytocompatibility, in accordance with previously reported studies.5, 6 

Besides their use in biomedical applications,16, 19 SMPs have the potential to be used as an 
intrinsic mechanical stimulation bioreactor in tissue engineering applications. By enabling cell 
culture in additive manufactured 3D SMP scaffolds, the unlocking of 4D scaffolds by supplying 
a mechanical stimulus in time is possible. Scaffolds were dynamically seeded with cells at 30 
oC to improve cell attachment and distribution. The effect of shape recovery on cell shape 
was investigated by cytoskeleton actin staining and DAPI to visualize the nucleus (Figure 3A-
H). For all conditions, cells had an elongated shape along the direction of the scaffold fiber. 
The effect of mechanical stimulation (i.e. shape recovery) on cell and nucleus morphology 
was analyzed for form factor (Figure 2I and 2J). A form factor of 1 indicates a perfectly 
circular object. The form factor was 0.36 and 0.23, respectively before and after recovery, 
demonstrating the cells were more elongated after shape recovery (P < 0.05). For nuclei, the 
form factor showed a value of 0.77 for the recovery and 0.71 for the control. In particular, on 
elongated samples cells tended to a round shape, whereas on recovered samples cells had 

Figure 3. Actin fibers (phalloidin, green) and nuclei (DAPI, blue) staining of dynamically seeded 

scaffolds of (A and E) recovered shape after stretching, (B and F) fixation control after stretching, 

(C and G) 37 oC non-stretched and (D and H) 30 oC non-stretched. Form factor of cell shape (I) and 

nuclei (J). Form factor of 1 indicates a perfectly circular object. (* statistical significant different 

from recovery, + statistical significant different from 37 oC control, o statistical significant different 

from 30 oC) (scalebar A-D is 1000 µm and E-H is 400 µm)

A B C D

E F G H

I J
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an elongated shape (P < 0.05). Shape recovery was hard to distinguish when transferring 
from a 30 oC incubator to a more physiological 37 oC incubator. A probable cause could be the 
water uptake that could induce a plastifying effect on the macromolecular arrangement of 
the SMP.15, 22 The combination of incubation in culture medium and temperature close to the 
Ttrans could have caused the destruction of the hydrogen bonds of the soft segment resulting 
in a lowering of the transition temperature.15, 22 Consequently, the shape recovery activation 
temperature could be decreased. 

A previous study showed that the temperature at which the shape was programmed, 
influenced shape recovery.1 When the programming temperature was around the recovery 
temperature, the recovery rate and total recovery was higher. As the storage modulus is 
temperature dependent and is highest below the Ttrans (Figure 1A), the energy that is stored 
upon programming and can be released upon shape recovery is therefore dependent on 
the programming temperature. In this study, the temperature at which the scaffold was 
programmed was around 65 oC and the fixation temperature was around 4 oC. In order to 
achieve an optimal shape recovery, the programming temperature and possibly the fixation 
temperature needs to be optimized. Optimization of the programming cycle is therefore 
possible and possibly reflected in the cell shape analysis. A study on 2D sheets, showed no 
adverse effects on cell behavior on elevated temperatures.14 Together with the optimization 
of the programming cycle, this indicates that multiple mechanical stimuli should be possible 
with this system.

In this study we demonstrated the possibility to obtain a 3D porous SMP scaffold with a 
completely controlled and reproducible pore network structure. The shape and architecture 
of the scaffold could be custom designed a priori to fit the patient’s anatomical defect 
by combining additive manufacturing with clinical datasets originated from computer 
tomography or magnetic resonance imaging.20 Through the shape recovery property, in-vitro 
cultured constructs could be implanted in the patient by minimal invasive surgery. In the 
tissue engineering research community, the possibility of performing cell culture on 3D SMP 
scaffolds after programming, makes the scaffolds an interesting alternative for bioreactors. 
A cell culture study using the scaffolds intrinsic property of delivering a mechanical stimulus, 
thereby enabling 4D printing, showed statistically significant differences. Optimizing 
the programming cycle, multiple mechanical stimuli could be given to the cell seeded 
SMP scaffold, thereby opening the intriguing possibility to influence cell activity through 
machanotransductive cues.

Experimental Section 

Scaffold fabrication

Scaffolds from DiAPLEX MM 3520 (SMP Technologies Inc., Nagoya, Jp) were fabricated with 
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a bioscaffolder (SYSeng, Germany), as previously described.9 For in vitro cell viability studies, 
scaffold of 8 mm in diameter were punched from 20 x 20 x 3 mm blocks with a fiber diameter 
of 175-200 µm, a layer thickness of 150 µm, a fiber spacing of 1000 µm and 90 and 45 degree 
angle between layers. For the mechanical stimulation studies, strips of 0.4 mm wide (5 pores) 
were cut from 30 x 30 x 1.05 mm blocks with a fiber diameter of 175-200 µm, a layer thickness 
of 150 µm, a fiber spacing of 800 µm and 90o angle between layers. The actual fiber spacing, 
layer height and fiber diameter were verified by using software freely available from the 
National Institute of Health USA (NIH ImageJ). 

Thermo-mechanical characterization

Dynamic Mechanical Analysis (DMA) were performed in compression mode at heating rate 
of 1 °C min-1 in the temperature range 0 - 170 °C, with an amplitude of 50 μm at 1 Hz (DMA 
Q800, TA Instrument). Storage modulus (E’), loss modulus (E’’) and Tanδ (Tanδ = E’’/E’) were 
recorded. Tests were performed in duplicate for both the scaffolds prepared (i.e. 0/90 and 
0/45), according to the standard practice ASTM 1640-99, using cylindrical specimens.

Shape memory characterization

Shape memory recovery tests were performed in compression mode by the DMA analyser 
(Supplementary Figure 1). The sample was heated up to TH = 65 °C and compressed to εm = 
15 %. While maintaining the strain (εm) constant, the sample was cooled down to TL = 15 °C 
to fix the temporary shape. At T = TL the stress was released and the sample was initially 
allowed to recover to εu and subsequently heated at a constant rate (Hr = 3 °C/min), up to 100 
°C. In the same manner, after fixing the temporary shape, the sample was heated to 37 °C 
and maintained for 720 min. Values of recovered deformation as a function of temperature 
and the final deformation (εp) were recorded. Shape memory properties of each scaffold 
was quantified by calculating the strain recovery rate (Rr) and the recovery behaviour as a 
function of temperature (Rr(T)), according to equation (1):

     (1)

Surface functionalization

The scaffolds were immersed in 70 % ethanol for 1 h at room temperature (r.t.). Ethanol was 
aspirated and the scaffolds were washed with sterile deionized water. The scaffolds were then 
immersed in a sterile solution of 0.04 g ml-1 hexamethyldiamine (HMD, Sigma) in isopropanol 
(Sigma) for 2.5 h at 37 oC. Subsequently, the scaffolds were washed with sterile deionized 
water and left to dry overnight in a sterile environment. The dry scaffolds were immersed 
in a filter sterilized solution of 5.0 mg ml-1 1-ethyl-3-(3- dimethylaminopropyl) carbodiimide 
hydrochloride (EDC, Sigma) and 5 mg mL-1 of N-hydroxysuccinimide (NHS, Sigma) in 0.1 M 

𝑅𝑅𝑟𝑟(𝑇𝑇) =
𝜀𝜀(𝑇𝑇) − 𝜀𝜀𝑝𝑝

𝜀𝜀𝑚𝑚
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(N-morpholino) ethanesulfonic acid (MES, Sigma) buffer (pH 5.0) at r.t. After 4 h, the solution 
was aspirated and the scaffolds were washed with filter sterilized MES buffer (pH 5.0) to 
remove unreacted EDC/NHS. A 1 µg ml-1 rat tail collagen type I solution (Corning Lifesciences) 
in 0.02 N acetic acid was added to the scaffolds and stored in the fridge until use.

Scaffold Stretching

A custom-made stretcher made from PEEK, was designed to fit in a standard petri-dish. Three 
scaffolds can be simultaneously clamped to a stationary and freely movable middle part. Two 
screws connected to the middle part, ensure a controlled displacement upon stretching. For 
the programming cycle, sterile PBS was heated to 65 oC in a microwave and poured over the 
scaffolds. After 30 seconds, a 50 % deformation was applied to the scaffolds and the hot PBS 
was aspirated immediately. Ice-cold PBS was poured over the scaffolds to induce the fixation 
of the temporary shape, and left for at least 15 minutes. PBS was aspirated and the scaffolds 
were ready for cell culture (Supplementary Figure 2).

Cell culture

Human mesenchymal stem cells (hMSCs), obtained from bone marrow aspirates, were used in 
all the experiments, after written informed consent from the patient. hMSCs were isolated and 
expanded as described previously.4 Basic medium consisted of α-MEM (Gibco) supplemented 
with 10 % FBS (Lonza), 0.2 mM L-Ascorbic acid (Sigma), 2 mM L-glutamine (Gibco), 100 U mL-1 
penicillin (Life Technologies) and 100 µg mL-1 streptomycin (Life Technologies). Proliferation 
medium was basic medium supplemented with 1 ng ml-1 bFGF (Instruchemie). Cells were 
grown in proliferation medium up to 80-90 % confluency at 37 oC in a humidified atmosphere 
with 5 % CO2. Passage 3 cells were used for all experiments.

Cell seeding

Shortly before statically seeding 2 x 105 hMSCs per scaffold, scaffolds were dried with the 
aspiration pump. Cells were allowed to attach to the scaffold surface for 4 h at 37 oC or 18 h 
at 30 oC, before adding basic medium to 2 mL per scaffold. The scaffolds were placed in an 
incubator at either 30 or 37 oC in a humidified atmosphere with 5 % CO2. Dynamically seeded 
scaffolds were transferred to a 4.5 ml tube. A total of 1 x 106 hMSCs per tube was added 
together with an appropriate volume of basic medium at r. t. The tube was then placed on a 
roller bank (10 rpm) in a 30 oC incubator for 18 h. Afterwards, scaffolds were gently transferred 
to a 6-well plate and fresh basic medium was added before placing the culture plate back in 
the 30 oC incubator. After 24 h, the cell seeded scaffolds were transferred to a 37 oC incubator. 
The experiment ended 24 h after the final transfer (Supplementary Figure 2).
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Methylene Blue, Life/Dead and DAPI Phalloidin staining

Cell seeded scaffolds were washed with PBS and fixated using 10 % buffered formalin for 1 h 
at r. t.  A 1 % (w/v) methylene blue solution was applied to the scaffolds for one minute. The 
stained scaffolds were washed with demineralized water and observed with a Nikon SMZ-10A 
stereomicroscope equipped with a Sony 3CCD camera.

Life/Dead staining was performed according to the manufacturer’s instruction (Invitrogen) 
and the viability was immediately evaluated using a fluorescent microscope (Nikon Eclipse 
E400) with a texas-red / FITC filters.

Sudan Black (0.3 % w/v in 70 % ethanol, Sigma) was applied for 15 minutes on a shaker at r. 
t. to reduce autofluorescence. After permeabilization and blocking, Phalloidin (1:60, VWR) 
was added and kept overnight in the fridge. Samples were washed with PBS before applying 
DAPI (1:100, Sigma) for 15 minutes. After washing with PBS, samples were immediately 
imaged. DAPI images at 20x magnification were used in CellProfiler for analysis of the nucleus 
in relation to form factor. Merged DAPI and Phalloidin images at 10x magnification were 
considered to manually contour the individual cells and provide the form factor of the cell 
shape by using ImageJ software.

Statistics

Statistical analysis were performed using a One-way ANOVA with Tukey’s post-hoc test, with 
significance level P = 0.05. All values are reported as average mean with standard deviation.
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Supplementary Figures

Supplementary Figure 1. Schematic illustration of the thermo-mechanical recovery 3D tests (σ-T-ε 

test): (1) the material is heated (red arrow) at T = TH and then stretched to a maximal strain εm; 

(2 -> 3) the material is cooled (blue arrows) to TL while εm is keep constant; (3 -> 4) the stress is 

released (green arrow) allowing a free recovery to a strain εu; (5) the material is heated up to TH 

at constant heating rate: this phase is conducted in free stress mode up to εp.
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Supplementary Figure 2. Three scaffolds at room temperature and surface treated are placed in 

the stretcher (A). The scaffolds are clamped (B) and immersed in hot PBS (65 oC) (C). The heated 

scaffolds are stretched to a certain strain (D) and cooled with ice cold PBS (E). After some time, 

the PBS is at room temperature and unclamped (F) and removed from the stretcher (G). hMSCs 

are dynamically seeded on the stretched scaffold (H, scalebar is 1000 µm) and kept at 30 oC (I) until 

transfer to the 37 oC incubator for shape recovery (J). 

A F

B G

C H

D I

E J
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Abstract

Additive manufactured scaffolds were fabricated from three commonly used biomaterials, 
poly(caprolactone) (PCL), poly (L\DL) lactid acid P(L\DL)LA and poly(ethylene oxide 
terephtalate)/poly(butylene terephtalate) (PEOT/PBT). Scaffolds were compared biologically 
and tribologically. Cell seeded PEOT/PBT scaffolds cultured in osteogenic and chondrogenic 
differentiation media showed statistical significantly higher ALP activity/DNA and GAG/DNA 
ratios, followed by PCL and P(L\DL)LA scaffolds, respectively. The tribological performance 
was assessed by determining the friction coefficients of the biomaterials at different loads and 
sliding velocities. With increasing load or decreasing sliding velocity, the friction coefficient 
value decreased. PEOT/PBT showed to have the lowest friction coefficient value followed by 
PCL and P(L\DL)LA. The influence of the scaffold architecture was determined with PEOT/
PBT. Reducing of the fiber spacing resulted in a lower friction coefficient value. The best and 
worst tribologically performing scaffold architecture were chosen to investigate the effect of 
cell culture on the friction coefficient. Matrix deposition was low in the cell seeded scaffolds 
and the effect was therefore undetermined. Taken together, our studies showed that PEOT/
PBT scaffolds supported better skeletal differentiation of seeded stromal cells and lower 
friction coefficient compared to PCL and P(L/DL)A scaffolds.   

Keywords: friction coefficient, scaffold architecture, PEOT/PBT, PCL, P(L\DL)LA
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Introduction

Normal joint function relies on low joint friction in combination with the adsorption and 
transmission of loads by healthy articular cartilage. Treatments of articular defects are 
challenging as the regenerating capacity of cartilage is low. For treating these defects, it 
is of the utmost importance to obtain a friction coefficient as low as possible for smooth 
articulation. Matrix-assisted autologous chondrocyte implantation (MACI), microfracture, 
and mosaic plasty are some of the treatments to regenerate or repair the malfunctioning 
tissue. Despite a certain degree of success, these treatments suffer from a number of 
drawbacks where donor site morbidity, graft availability, and immunological rejection are the 
most recurring problems 4, 36. This results in a frequent degeneration of the regenerated or 
repaired articular tissue, and consequently in an increase of friction, a decrease of mobility, 
and a new surgery to be planned. Therefore, the goal of tissue engineering is to provide 
grafts with appropriate biological and mechanical properties that can regenerate functional 
articular tissues. For restoring or regenerating a malfunctioning tissue, a temporary scaffold 
is often needed which has the ability of inducing signals for cells to form the desired tissue. 
The biomaterial itself 25, surface topography 41 and the biomaterial’s bulk stiffness 19 are a few 
properties of a scaffold, capable of influencing cell differentiation. These properties are to a 
certain extent tailorable and can be employed to evoke specific cell differentiation signals 5, 

45, 47. 

3D Fused Deposition Modeling (FDM) is an appealing additive manufacturing technique to 
fabricate scaffolds. The advantage of FDM is the high controllability and reproducibility of 
the scaffold’s architecture, combined with a high flexibility in the pore network design. This 
results in an exquisite control of the physico-chemical and mechanical properties presented 
to the cells used for tissue regeneration 44. Nevertheless, not only the biological response of 
the biomaterial should be taken into account. The application and design of a scaffold should 
also meet the functional requirements of the implantation-site environment. For instance, a 
scaffold for an osteochondral or chondral defect should provide minimal friction, but should 
still be able to withstand the mechanical load-bearing forces. Poly(caprolactone) (PCL), 
poly(lactic acid) (PLA) and their numerous derivatives, are frequently used biomaterials 
for FDM 18, 38, 39, 46. Both materials are FDA approved and have found clinical applications, 
for example as drug delivery vehicles and fixation screws 44. In addition to PCL and PLA, 
poly(ethylene oxide terephtalate)/poly(butylene terephtalate) (PEOT/PBT) is another 
class of copolymers that has been extensively studied by our group, among others 22, 24, 43. 
It has reached clinical applications as a cement stopper and a bone filler (PolyActive, Isotis 
Orthopaedics SA) 9, 12, 26]. Currently, clinical trials are being performed with PEOT/PBT scaffolds 
after obtaining promising results in preclinical studies 13, 16.

The biological performance of FDM scaffolds made from PCL, PLA or PEOT/PBT has already 
been discussed in literature with respect to skeletal regeneration 18, 20, 21, 24, 43, 46. However, 
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an in-vitro comparison of cell seeded FDM scaffolds from these biomaterials has not been 
performed and very few studies actually describe the tribological behavior of 3D scaffolds. 
In this respect, FDM offers not only the possibility to create 3D scaffolds with similar scaffold 
architecture and different biomaterial composition, but also the possibility to study the effect 
of scaffold architecture on the friction coefficient. Accardi et al. 2 showed with electrospun 
scaffolds the influence of fiber orientation on friction and wear. Fibers with a unidirectional 
orientation in the shear loading direction showed less damage and wear than fibers with a 
random orientation. Moutos et al 31, 32 and Liao et al 23, produced woven PCL scaffolds and 
coated them with fibrin to improve chondrogenesis. Although they had good results, it is 
difficult with this system to investigate the influence of scaffold architecture and the effect of 
biomaterial on friction as we can with FDM.

Therefore, in this study PCL, P(L\DL)LA and PEOT/PBT FDM scaffolds were compared in terms 
of their in vitro biological and tribological performance. With the best performing tribological 
biomaterial, the relationship between scaffold architecture and friction coefficient was 
investigated. The best and worst scaffold architecture were chosen to investigate the effect 
of cell culture in scaffolds on the friction coefficient. As this study shows, the tribological 
performance of a scaffold is depending on the scaffold architecture, the biomaterial and the 
extracellular matrix formation. Therefore, we propose that when engineering articulating 
tissues such as cartilage, the resulting friction coefficient should be a determining factor for 
the design of the scaffold and the choice of the biomaterial.

Materials and Methods

Scaffold fabrication

Scaffolds were fabricated by a bioscaffolder (SYSeng, Germany), as previously described 17. 
Briefly, granules of either PCL (Mw 65.000, Sigma), P(L\DL)LA which is 80/20 molar ratio of 
L-lactide to DL-lactide (Purasorb PLDL 8038, Purac), or the block copolymer 300PEOT55PBT45 
(PolyVation B.V.) were inserted in the cartridge of the machine and heated to 190 – 200 oC. An 
applied nitrogen pressure of 5 bar and an auger screw system rotating at 200 RPM extruded 
the molten polymer through a 250 µm diameter needle (DL technology) on a stationary 
platform. Scaffolds were fabricated through a layer-by-layer deposition, in which the angle 
between layers, fiber spacing and layer thickness can be set while the fiber diameter depends 
on the needle size chosen. Scaffold blocks of 30 x 30 x 2,1 mm were created with a fiber 
diameter of 175-200 µm,  a layer thickness of 150 µm, a fiber spacing of 600 µm and 90o angle 
between layers for the biological and tribological comparison of all the biomaterials (Table 1). 
For PEOT/PBT, additional scaffold blocks were made with either 1000 µm, 800 µm or 600 µm 
fiber spacing, or a layer orientation of 45o angle (600 µm fiber spacing) between layers for 
determining the effect of scaffold architecture on the friction coefficient. Cylindrical scaffolds 
of 8 mm in diameter were obtained by using a biopsy puncher (Miltex). The actual fiber 
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Table 1. Scaffold and tribological parameters used per study. Ba = Basic medium; Os = osteogenic 

medium; Ch = chondrogenic medium.

Spacing 
(µm)

Orientation 
(0)

Load (N) Speed 
(mm/s)

Medium

Biological

PEOT/PBT 1000 90 - - Ba,Os,Ch

PCL 1000 90 - - Ba,Os,Ch

P(L\DL)LA 1000 90 - - Ba,Os,Ch

Tribology Material

PEOT/PBT 1000 90 0.15 2.0 -

PEOT/PBT 1000 90 1.00 2.0 -

PCL 1000 90 0.15 2.0 -

PCL 1000 90 1.00 2.0 -

P(L\DL)LA 1000 90 0.15 2.0 -

P(L\DL)LA 1000 90 1.00 2.0 -

Tribology Architectures

PEOT/PBT 1000 90 0.15 2.0 -

PEOT/PBT 1000 90 1.00 2.0 -

PEOT/PBT 800 90 0.15 2.0 -

PEOT/PBT 800 90 1.00 2.0 -

PEOT/PBT 800 90 1.00 0.2 -

PEOT/PBT 600 90 0.15 2.0 -

PEOT/PBT 600 90 1.00 2.0 -

PEOT/PBT 600 90 1.00 0.2 -

PEOT/PBT 600 45 0.15 2.0 -

Biological and Tribological

PEOT/PBT 1000 90 0.15 2.0 Ba, Ch

PEOT/PBT 1000 90 1.00 2.0 Ba, Ch

PEOT/PBT 1000 90 1.00 0.2 Ba, Ch

PEOT/PBT 600 90 0.15 2.0 Ba, Ch

PEOT/PBT 600 90 1.00 2.0 Ba, Ch

PEOT/PBT 600 90 1.00 0.2 Ba, Ch
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spacing and fiber diameter were measured for all three biomaterials by ImageJ. SEM images 
were loaded and five random measurements were taken for each picture, thus 15 in total for 
each biomaterial, and the average calculated.

Cell culture

Bone marrow aspirates were obtained from patients after written informed consent. 
hMSCs were isolated and proliferated as described previously 11. Basic medium consisted of 
α-MEM (Gibco) supplemented with 10 % FBS (Lonza), 0.2 mM L-Ascorbic acid (Sigma), 2 mM 
L-glutamine (Gibco), 100 U/mL penicillin (Life Technologies) and 100 µg/mL streptomycin (Life 
Technologies). Proliferation medium was basic medium supplemented with 1 ng/ml bFGF 
(Instruchemie). Osteogenic differentiation medium consisted of basic medium supplemented 
with 10 nM dexamethasone (Sigma). Chondrogenic differentiation medium consisted of 
high glucose D-MEM (Gibco, Netherlands) supplemented with 50 mg/mL ITS pre-mix (BD 
biosciences), 50 mg/mL L-Ascorbic acid (Sigma), 100 mg/mL sodium pyruvate (Sigma), 100 
U/mL penicillin (Invitrogen) and 100 µg/mL streptomycin (Invitrogen), 10 ng/ml TGF-β3 (R&D 
systems) and 0.1 nM dexamethasone, which were freshly added every time that medium was 
changed. Cells were grown up to 80-90% confluency at 37 oC in a humidified atmosphere with 
5% CO2. Passage 3 cells were used for all experiments.

Cell culture on scaffolds

Scaffolds were sterilized by immersion in 70% ethanol, twice for at least 15 minutes, and were 
subsequently washed with PBS. The sterile scaffolds were immersed in a 1 mg/ml rat tail 
collagen type I (BD biosciences) solution overnight in a cell culture incubator. Scaffolds were 
washed with PBS and dried with the aspiration pump shortly before seeding 500.000 hMSCs 
per scaffold in 65 µL proliferation medium. hMSCs for chondrogenic differentiation were 
pre-incubated with 0.3 mg/mL fibronectin (Invitrogen) for 15 minutes before seeding. After 
seeding, cells were allowed to attach to the scaffold surface for 4h before adding proliferation 
medium to 2 mL per scaffold. All scaffolds were cultured in proliferation medium for 7 
days before changing to either basic, osteogenic or chondrogenic differentiation medium.  
Scaffolds were removed from cell culture after 7, 14 and 28 days cultured in differentiation 
media. At each time point, 3 scaffolds were collected for biochemical analysis, 1 for histology 
and 1 for microscopy. Every other day the medium was refreshed. The cell seeded scaffolds 
were placed in an incubator at 37 oC in a humidified atmosphere with 5% CO2.

ALP/DNA and GAG/DNA

Cell cultured scaffolds (N=3) were cut in half for either ALP/DNA (A.U/µg) quantification or 
GAG/DNA (µg/µg) quantification. Each half was cut in as small pieces as possible and subjected 
5 times to a cycle of freeze-thawing before analysis. 



105

Biological and tribological assessment of PEOT/PBT, PCL and P(L\DL)LA scaffolds

Cell lysis buffer (0.1 M KH2PO4, 0.1 M K2HPO4, 0.1% Triton X-100, pH 7.8) was added to the cut 
samples and incubated for 1 hour at room temperature before ALP or DNA quantification. 
ALP activity was quantified from the lysate according to the manufacturer’s protocol (CDP-
star Chemiluminescent substrate kit, Roche) with a VICTOR plate reader (Perkin Elmer).

The other half of the cell cultured scaffold was digested in 1 mg/ml proteinase K (Sigma) in 
Tris/EDTA (pH 7.6) containing 18,5 µg/mL iodoacetamine (Sigma) and 1 µg/mL Pepstatin A 
(Sigma) for 16 hours at 56 oC. Sulfated GAG content was spectrophotometrically determined 
immediately after adding 9-dimethylmethylene blue dye (DMMB, 3.04 g/L glycine, 2.37 g/L 
of NaCl, pH = 3) at an absorbance of 525 nm in a Multiskan Go (Perkin Elmer). The amount of 
GAG was determined using a calibration curve of chondroitin sulfate.

Total DNA content was determined, on either lysate, following the manufacturer’s protocol 
(CyQuant Cell proliferation assay kit). ALP and GAG were corrected by their total DNA content. 

Methylene blue and ALP staining

Cell seeded scaffolds were washed with PBS and fixated by 10% buffered formalin for 1 hour. 
Scaffolds were cut in half and one part was used for methylene blue and the other for ALP 
staining. A drop of 1% methylene blue solution was applied to the scaffold for a minute. The 
stained scaffold was washed with demineralized water until there was no more discoloring 
of the water. Samples were imaged with a Nikon SMZ-10A stereomicroscope equipped with 
a Sony 3CCD camera.

ALP staining was conducted with the Leukocyte Alkaline Phosphatase kit (Sigma) following 
the manufacturers protocol. The remaining halves of the scaffolds were incubated with 
the fresh prepared alkaline dye for 30 minutes, after which the scaffolds were washed with 
demineralized water and imaged with a Nikon stereomicroscope. 

Scanning Electron Microscopy (SEM)

Formalin fixated scaffolds samples were dehydrated through an ethanol series. P(L\DL)LA 
and PEOT/PBT samples were transferred to a critical point dryer (CPD 030 BAL-TEC), while 
the PCL samples were immersed in HMDS (Sigma) for 15 minutes after total dehydration. 
Excessive HMDS was removed and the PCL samples were left to dry overnight. The dried 
samples were mounted on a stage, gold sputtered and imaged with a SEM (XL-30 ESEM-FEG, 
Phillips). 

Friction measurements

The tribological tests were conducted with a ball-on-plate rig by using a Nano Tribometer 
from CSM-instruments (Supplementary Figure 1). The stationary part was the scaffold 
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specimen measuring 8 mm in diameter and 2.1 mm in thickness. The rotating part was a 
polyurethane (PU) spherical cap. The PU granular material, PEARLTHANE D11T92EM, was 
provided by Merquinsa (Montmelo, Spain). The modulus at 100 % elongation (test method 
ISO527) was 8 MPa according to the supplier’s information, which is within the range of the 
equilibrium tensile modulus of human articular cartilage (1~30 MPa) 3. The 10 mm diameter 
spherical cap was made from the PU granules by injection moulding. All the experiments were 
conducted at room temperature with relative humidity between 20 – 40%. The lubricant used 
was phosphate buffer saline (PBS) from Lonza. Normal loads were set to 0.15 N or 1.00 N, 
with a rotating velocity of either 0.2 mm/s or 2.0 mm/s (Table 1). Normal loads were selected 
based on the instrument limitation and targeting contact pressure of articular synovial joint 
(0.1~20MPa) 15. Assuming initially a contact configuration of a 10mm diameter PU spherical 
cap versus a flat PEOT/PBT film, the contact pressure calculated by using the Hertz model was 
approximately 0.5 MPa and 1.0 MPa at 0.15 N and 1.00 N respectively. When the flat PEOT/
PBT film was changed to a PEOT/PBT scaffold as used in this study, the contact pressure was 
expected to be higher than this calculated value due to the reduction of real contact area. 
Each test run was conducted for 120 rotations (about 1.5 meter in distance) and repeated 
three times. The equilibrium value was reported.

Interference Microscopy

The surface topography and roughness of the PU cap before and after each tribological test 
were measured by using a Micromap 560 Interference Microscope. The average surface 
roughness of the spherical cap (Sa) before each test was 150 ± 20 nm. 

Statistical analysis

A Two way ANOVA with Bonferroni’s post-hoc test was used. P values less than 0.05 were 
considered to be statistically significant. All values are reported as average mean with 
standard deviation. 

Results

Scaffold characterization

The fiber spacing of the scaffolds was set to be 1000 um for all biomaterials in the cell culture 
study. Results showed a fiber spacing of 965 ± 38 µm for PEOT/PBT, 980 ± 22 µm for PCL and 
942 ± 40 µm for P(L\DL)LA. Fiber diameter is dependent on the diameter of the needle used 
and was anticipated to be between 175 µm and 200 µm. For PEOT/PBT the fiber diameter was 
186 ± 20 µm, for PCL it was 169 ± 9 µm and for P(L\DL)LA it was 180 ± 16 µm.
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Cell localization and ECM formation in PCL, PEOT/PBT and P(L\DL)LA

SEM and Methylene blue images showed good cell attachment and growth on all biomaterials 
(Figure 1 and 2 for basic medium, Supplementary Figure 2-5 for osteogenic and chondrogenic 
differentiation media). Homogeneous cell distribution was seen at each time point, for all 
media and biomaterials. Methylene blue images showed a rounded cell morphology for cell 
seeded scaffolds cultured in chondrogenic differentiation medium (Supplementary Figure 4). 
SEM images showed ECM formation inside the scaffold, which increased with time to fill up the 
pores of the scaffold (Figure. 2). Cell seeded scaffolds cultured in osteogenic differentiation 
medium seemed to support most ECM formation, while scaffolds cultured in chondrogenic 
differentiation medium had the least ECM formation.

Differentiation of cells on the biomaterials

ALP/DNA showed highest results for cell seeded on PCL and PEOT/PBT scaffolds (Figure. 3A). 

Figure 1. Methylene blue images of cell seeded scaffolds cultured in basic medium showed good 

cell attachment and ECM deposition in PEOT/PBT scaffolds (A-C), PCL scaffolds (D-F) and P(L\DL)

LA scaffolds (G-I). Methylene blue images for osteogenic and chondrogenic differentiation medium 

can be found in the supplementary data. Scale bar is 1000 µm
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For P(L\DL)LA, ALP activity quantification showed a significantly lower expression at every 
time point. The ALP activity/DNA values were statistically significant higher for PEOT/PBT than 
PCL for osteogenic and chondrogenic differentiation for day 14 and day 28. Additionally, the 
value for ALP activity/DNA was statistically significant higher for PEOT/PBT and PCL scaffolds 
cultured in chondrogenic differentiation medium compared to scaffolds cultured in basic and 
osteogenic differentiation medium at day 14 and 28. 

ALP staining corroborated the biochemical analysis for PCL and PEOT/PBT (Supplementary 
Figure 6-8). The staining was positive for cell seeded scaffolds cultured in osteogenic 
differentiation medium in the case of PCL and PEOT/PBT at day 14 and day 28 (Supplementary 
Figure 7). For P(L\DL)LA the staining was positive for day 28 when cultured in osteogenic 
media, thus showing that despite a lack of ALP activity the protein was produced by the cells. 
Interestingly, when cell seeded PCL scaffolds were cultured in chondrogenic differentiation 
medium, ALP staining was more intense for all time points compared to the osteogenic 
differentiation medium (Supplementary Figure 6 and 7). For PEOT/PBT the staining was 
positive as well for all time points in chondrogenic media, while for P(L\DL)LA the staining 
was negative or weak. Scaffolds cultured in basic medium showed a weak or negative staining 
for all time points for all biomaterials (Supplementary Figure 6).

Figure 2. SEM images of cell seeded scaffolds cultured in basic medium showed good cell 

attachment and ECM deposition in PEOT/PBT scaffolds (A-C), PCL scaffolds (D-F) and P(L\DL)LA 

scaffolds (G-I). SEM images for osteogenic and chondrogenic differentiation medium can be found 

in the supplementary data. Scale bar is 100 µm and 200 µm for the inset
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Figure 3. An increase of ALP/DNA (A) and GAG/DNA (B) with culture time for PEOT/PBT, PCL 

and P(L\DL)LA cell seeded scaffolds cultured in basic (ba), osteogenic (os) and chondrogenic 

(ch) differentiation medium was measured. The coupling of high ALP/DNA with GAG/DNA for 

chondrogenic media suggests hypertrophic differentiation (x statistical significant different 

from day 7, + statistical significant different from day 14, o statistical significant different from 

PEOT basic for the same media and time point, * statistical significant difference from basic and 

osteogenic media at same time point and same material, - statistical significant difference from 

PCL in chondrogenic media at day 14)
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To assess chondrogenic differentiation, GAG production was measured. All biomaterials 
supported chondrogenic differentiation, as observed by the rounded cell morphology in 
the methylene blue staining (Supplementary Figure 4). GAG/DNA increased over time for 
all biomaterials when cultured in chondrogenic differentiation medium (Figure 3B). PEOT/
PBT scaffolds had statistically significant higher values at all time points when cultured in 
chondrogenic medium, at day 14 and 28 for osteogenic differentiation and at day 28 for basic 
medium compared to both PCL and P(L\DL)LA. The chondrogenic culture condition in all 
biomaterials, had a statistically significant higher GAG/DNA value compared to the basic and 
osteogenic culture condition at all time points, except day 7 for PCL and P(L\DL)LA. PEOT/PBT 
had the highest values for all conditions with a maximum of 17.65 ± 1.95 µg GAG/µg DNA at day 
28. PCL and P(L\DL)LA had similar levels when cultured in basic and osteogenic differentiation 
medium. In chondrogenic differentiation medium, PCL had a slightly higher GAG/DNA than 
P(L\DL)LA at day 28 (7.71 ± 0.43 vs. 6.16 ± 1.10 µg GAG/µg DNA), while at day 14 P(L\DL)LA was 
higher (6.93 ± 2.53 vs. 4.69 ± 0.39 µg GAG/µg DNA). When cell seeded scaffolds were cultured 
in basic and osteogenic differentiation media, the levels were low and reached at day 28 the 
same value as on day 7 for cells cultured in chondrogenic differentiation medium. 

The effect of biomaterials on the tribological behavior of the scaffolds

The friction of the same architectural scaffolds (fiber spacing 600 μm and 90° angle between 
layers) were measured with either PCL, P(L\DL)LA or PEOT/PBT as the scaffold biomaterial. 
The tribological tests were conducted at 2.0 mm/s under 0.15 N and 1.00 N respectively. After 
120 rotations, the friction coefficient reached equilibrium (Supplementary Figure 9). Under 
all test conditions, the friction coefficient was the highest in P(L\DL)LA followed by PCL and 

Figure 4. Friction coefficient of PEOT/PBT, PCL and P(L\DL)LA at 0.15 N and 1.00 N load applied 

and 2.0 mm/s sliding velocity. An increased applied load decreases the friction coefficient in all 

materials.
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Figure 5. Spherical cap surface [Image: topography (40X); Number: roughness (Sa, nm)] at 1.00 N 

and 2.0 mm/s for PEOT/PBT (A, B), PCL (C, D) and P(L\DL)LA (E, F) before and after conducting a 

measurement. P(L\DL)LA shows a high deformation after conducting a measurement, while PEOT/

PBT almost no differences were observed.
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PEOT/PBT (Figure 4).  When the applied force increased from 0.15 N to 1.00 N the friction 
coefficient decreased from 0.479 ± 0.027 to 0.314 ± 0.014 for PEOT/PBT, from 0.935 ± 0.200 
to 0.529 ± 0.064 for PCL and from 1.689 ± 0.185 to 1.073 ± 0.083 for P(L\DL)A. The surface 
topography and roughness of the counter surface (PU cap) before and after the tribological 
test (1.00 N, 2.0 mm/s) are shown in figure 5 and Supplementary Figure 10. It can be seen 
that there was a slight change in the shape of the spherical cap after testing with PEOT/PBT. 
For PCL, the cap shape was changed obviously while the roughness was almost the same. 
However, for P(L\DL)LA, the roughness increased and the cap was significantly deformed. 
Based on the low friction coefficient and the low surface roughness on the PU cap after 
testing, PEOT/PBT was chosen as the biomaterial for further investigating the effect of 
scaffold architecture on the tribological performance.
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The effect of architecture on the tribological behavior of the scaffolds

The pore network architecture of the fabricated scaffolds was changed by varying either the 
pore size or the pore shape. Scaffolds with different pore sizes were created by changing 
the fiber spacing from 600, to 800 and 1000 µm. For scaffolds with fiber spacing of 600 μm, 
the pore shape was changed by varying the angle between layers from 90° to 45°. As seen 
previously, when the applied load increased from 0.15 N to 1.00 N, the friction coefficient 
decreased (Figure 6). With decreasing fiber spacing, the friction coefficient also decreased 
for all applied loads and velocities, from 0.531 ± 0.050 for 1000 µm to 0.314 ± 0.014 for 600 
µm at 1.00 N and 2.0 mm/s. Furthermore, reducing the sliding velocity caused a decrease in 
friction coefficient, from 0.314 ± 0.014 for 600 µm at 2.0 mm/s to 0.240 ± 0.023 for 600 µm 
at 0.2 mm/s. The scaffold architecture with a 45o angle layer orientation had a higher friction 
coefficient compared to the 90o angle layer rotation, 0.649 ± 0.056 for 45o vs. 0.479 ± 0.027 
for 90o subjected to a 0.15 N load and 2.00 mm/s sliding velocity. When a load of 1.00 N was 
applied, the 45o scaffold failed. The lowest friction coefficients were achieved with increased 
loading and reduced sliding velocity. The best (600 µm fiber spacing) and worst (1000 µm 
fiber spacing) architecture were chosen to further investigate the effect of cell culture on the 
friction coefficient.

Figure 6. Influence of the PEOT/PBT scaffold architecture on friction coefficient at 0.15 N and 1.00 N 

load applied and 2.0 mm/s sliding velocity and 1.00 N load applied with a 0.2 mm/s sliding velocity. 

An increased load resulted in a lower friction coefficient for all architectures. A decreased sliding 

velocity also resulted in a lower friction coefficient.
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Figure 7. SEM images of cell cultured PEOT/PBT scaffolds subjected to tribological testing. Condition 

A is 0.15 N and 2.0 mm/s, condition B is 1.00 N and 2.0 mm/s while condition C is 1.00 N and 0.2 mm/s. 
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Figure 7. (continued from previous page) The images showed low cell attachment and ECM 

formation inside the cell cultured scaffolds. Scale bars are 1000 µm and 200 µm for inset
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The effect of cell culture on the tribological behavior of the scaffolds

Since mainly articular cartilage is of interest with respect of tribological behavior, cells were 
cultured in basic medium and chondrogenic differentiation medium. The same time points 
as before were chosen to study tribological behavior and biological performance. In order 
to isolate the effect of matrix formed by the cells, scaffolds were not coated with collagen 
type I and hMSCs were not preincubated with fibronection prior to seeding . SEM images 
showed low cell attachment and ECM formation inside the cell cultured scaffolds (Figure. 
7). No statistical differences were found between any groups. GAG content was low but 
production increased over time and showed to be highest for cell seeded scaffolds cultured 
in chondrogenic differentiation medium (Figure. 8). 

Increasing the applied force resulted in a reduced friction coefficient with a 2.0 mm/s sliding 
velocity (Figure. 9A). With the same load of 1.00 N, decreasing the sliding velocity from 2.0 
mm/s to 0.2 mm/s didn’t result in a significant reduction of the friction coefficient (Figure. 
9B), as previously observed. Although at the beginning of the cell culture the 600 µm fiber 
spacing scaffold performed better, at the end of the culture time the 1000 µm fiber spacing 
scaffold had lower friction coefficients. Scaffolds cultured in basic medium had generally a 
lower friction coefficient than the scaffolds cultured in chondrogenic differentiation medium. 
This trend was seen at the same sliding velocity of 2.00 mm/s, but with varying load applied. 

Figure 8. GAG/DNA (µg/µg) of the cell seeded PEOT/PBT scaffolds cultured in basic and chondrogenic 

differentiation medium. The GAG/DNA ratio increased with culture time, however no statistical 

differences were found.
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Figure 9. Friction coefficient of cell cultured PEOT/PBT scaffolds for 0.15 N and 1.00 N applied load 

at 2.0 mm/s sliding velocity (A), 0.2 mm/s and 2.0 mm/s sliding velocities with 1.00 N load (B). 

Increasing the load led to a decreased friction coefficient. However, the decreased sliding speed did 

not decrease the friction coefficient as seen previously.
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Discussion

In tissue engineering, scaffolds are used to regenerate diseased or damaged tissues. By 
exploiting scaffold’s properties such as surface topography and chemistry, cells can be 
instructed to differentiate towards specific differentiation lineages. A scaffold design should 
have appropriate properties to meet the conditions to function at the implantation site. It is 
therefore important to know the biological effect of the biomaterial on cell culture. In the 
case of scaffolds for articular skeletal tissue applications, the friction coefficient is important 
as the environment of the implantation-site requires a smooth articulation. In literature, not 
much attention has been given to the biological and tribological comparison between the 
same architectural scaffolds made from different biomaterials. Additionally, the effect of 
scaffold architecture on the friction coefficient has not been broadly investigated either. 

In our study, scaffolds were made from either PEOT/PBT, P(L\DL)LA or PCL. The influence 
of the scaffold architecture, and the effect of cell culture in different cell culture media on 
the friction coefficient were investigated. ALP activity/DNA, which is generally regarded as 
an indicator of osteogenic differentiation, increased with culture time when scaffolds were 
cultured in osteogenic differentiation medium. Interestingly, it was the highest when cultured 
in chondrogenic differentiation medium (Figure. 3A). PEOT/PBT resulted in the highest GAG/
DNA production with a maximum at day 28 for cell seeded scaffolds cultured in chondrogenic 
differentiation medium (Figure. 3B). The high ALP activity values and the positive ALP staining, 
implies that the formed chondrogenic ECM might be going towards hypertrophy. However, 
it is known that hMSCs induced to differentiate down the chondrogenic lineage have the 
tendency to go towards hypertrophic cartilage 1, 33. Furthermore, scaffolds were coated 
with collagen type I, which is one of the main components of bone ECM. Therefore, such a 
collagen coating of the scaffold might have influenced the chondrogenic differentiation of the 
seeded hMSCs. In vivo bone formation can be through intramembranous or endochondral 
ossification. In the latter case, cartilage is formed first and then progresses towards bone. 
Although this might explain the results obtained, further investigation is needed to confirm 
if the observed enhancement of ALP in chondrogenic medium can indeed be associated with 
endochondral ossification. Jeong and Hollister 20 showed that PCL had a tendency to induce 
hypertrophy although they used chondrocytes and osteoblasts. 

Cell cultured scaffolds made from either PCL, PEOT/PBT or P(L\DL)LA facilitated ECM 
deposition when the scaffolds were coated with collagen (Figure 1, 2 and Supplementary 
Figure 2-5). The highest ECM deposition was found in scaffolds cultured in osteogenic 
differentiation medium, while chondrogenic differentiation medium resulted in the lowest 
ECM deposition. Methylene blue staining showed a rounded cell morphology for the 
chondrogenic differentiation medium. Combined with the high amount of GAG/DNA, this 
suggests chondrogenic differentiation in all scaffolds (Figure 3 and Supplementary Figure 
4 and 5). Comparing the GAG/DNA values with other reported studies using hMSCs as cell 
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source, the values reported in this study are higher (17.65 µg GAG/µg DNA). Wise et al. 42 
reported a value around 5 µg GAG/µg DNA on electrospun scaffolds, while the PLA constructs 
of Tuli et al. 40 had a similar value. 

From tribology analysis, it was found that PEOT/PBT scaffolds had the lowest friction coefficient 
of all the biomaterials tested (Figure 4). Therefore, PEOT/PBT was used to investigate 
the influence of scaffold architecture on friction coefficient (Figure 6). A reduced friction 
coefficient was observed with decreased fiber spacing. Cell cultured PEOT/PBT scaffolds with 
the best and worst performing architecture showed a shifting trend with respect to friction 
coefficient (Figure 9A and B). What was initially the best performing scaffold architecture, 
had the highest friction coefficient after 28 days of cell culture. 

The scaffold has a porous structure and is made from a polymer. Polymers are viscoelastic 
and their properties depend on time in contrast to metals and ceramics. Sources of friction 
for polymers are mainly adhesion, deformation and elastic hysteresis. It is expected that 
the deformation component will play a dominant role for the tribological performance of 
the porous polymer scaffold 7. The change in biomaterial results in a change of the intrinsic 
stiffness and, consequently, of the deformation. The friction coefficient of the scaffolds was 
highest for P(L\DL)LA followed by PCL and PEOT/PBT (Figure. 4), which is in good agreement 
with the intrinsic biomaterial stiffness (P(L\DL)LA ~ 2-3 GPa, PCL ~ 0.4 GPa and PEOT/PBT ~ 
0.1 GPa) 28-30.  

The dynamic or apparent stiffness of the scaffold is directly influenced by the scaffold 
architecture 28-30 and will influence the deformation as well. The dynamic stiffness of the 
PEOT/PBT scaffold used here (600 μm fiber spacing) is similar to that of the PU cap [32]. Since 
the intrinsic biomaterial stiffness of P(L\DL)LA and PCL are higher than that of PEOT/PBT, it is 
expected that the dynamic stiffness of the P(L\DL)LA and PCL scaffolds will therefore be higher 
than that of the PU cap as well. During the tribological tests, the softer PU cap is therefore 
expected to be more deformed at this test condition. The deformation can be deduced from 
the changes in morphology of the counter surface before and after the tribological test 
(Figure 5). PEOT/PBT was chosen as the biomaterial to investigate the scaffold architecture 
on the friction coefficient since it had the lowest friction values. The dynamic stiffness of the 
PEOT/PBT scaffold is similar to (600 μm fiber spacing) or lower than (800 μm and 1000 μm 
fiber spacing) that of the PU cap. Therefore, at this test condition the scaffold is expected 
to be deformed instead of the PU cap. When analyzing the effect of scaffold architecture on 
friction, reducing the fiber spacing resulted in a reduced friction coefficient. With reducing of 
the fiber spacing, on the one hand, the real contact area increases, leading to an increase of 
the adhesion component of the friction. On the other hand, with reducing of fiber spacing the 
apparent dynamic stiffness of the scaffold is known to increase 28-30. This makes the scaffold 
less deformable, resulting in the decrease of the deformation component of the friction. Since 
the friction coefficient decreases with the reducing of fiber spacing, it is further confirmed 
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that the deformation component plays the dominant role in the tribological performance 
of porous polymer scaffolds. Changing the angle of orientation between successive layers 
decreased the apparent stiffness of the scaffold to such an extent that at the high load of 1.00 
N the scaffold mechanically failed. 

As for the influence of the applied load, with the increasing of the load the friction coefficient 
decreased (Figure 4 and 6). As described by Myshkin et al. 34, the friction of polymers as a 
function of load varies depending on the applied normal load. That is, the friction coefficient 
passes a minimum, which corresponds to transition from elastic to plastic contact. The test 
results indicate that under the tested normal load, the scaffolds elastically deformed. During 
elastic deformation, the real contact area (Ar) increases less proportionally with the normal 
load (Fn), causing the friction coefficient to decrease under higher load. In addition, from 
Figure 6 it can also be found that with the reducing of fiber spacing, the friction coefficient 
decreased. As described before, the decrease in fiber spacing resulted in an increased scaffold 
stiffness. The higher the stiffness is, the less real contact area change can be expected with 
the increasing of normal load, thus leading to a further decrease of the friction coefficient.

When looking at the influence of sliding velocity (Figure 6), the friction coefficient increased 
with the increasing of sliding velocity. This was more pronounced for the scaffold with larger 
fiber spacing which had a lower apparent stiffness. At a higher rotating velocity, the scaffold 
has less relaxation time to reorder its structure after elastic deformation. The recovery of the 
scaffold deformation cannot keep up with the sliding velocity. Therefore, it is likely that the 
spherical cap passed the former deformation region of the scaffold and further deformed it, 
consequently increasing the friction coefficient 33. 

The architectures with the lowest (600 µm fiber spacing) and highest friction coefficient (1000 
µm fiber spacing) were chosen to study the effect of cell culture on the friction coefficient. 
Again, the friction coefficient increased with increasing force and speed as observed in the 
previous tribological experiments. Interestingly, the best performing architecture shifted 
from having the lowest friction coefficient to the highest friction coefficient during the 28 
days of culturing. Since the materials and geometries of the scaffolds are unlikely to change 
during the experiment, this effect is most likely due to the ECM formed on the scaffolds. As 
the 1000 µm fiber spacing scaffolds display less ECM formation compared to the 600 µm fiber 
spacing scaffolds (Figure 7), this finding might suggest that in vitro ECM formation by hMSCs 
is not beneficial for reducing the friction coefficient. SEM pictures showed a consistent higher 
amount of ECM in the controls than in the scaffolds subjected to tribological testing. Despite 
the fact that during the tribological testing the applied force is generally low, it might not be 
excluded that this is sufficient to dislodge the ECM from the scaffolds. The low and varying 
amount of ECM seen in the scaffolds for the tribological experiments (Figure 7) might have 
resulted in the lack of statistical differences to be found for GAG/DNA (Figure 8).
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As discussed in literature, the test set-up influences the value of the friction coefficient 
severely 14, 37. From articular cartilage explants the role of sliding velocity, contact area 
and lubrication was investigated 6, 8, 10, 14, 35, 37. Combinations of contact pressure, speed and 
viscosity (Hersey number) results in different lubrication modes which can be related to the 
friction coefficient by the Stribeck curve 14. These studies showed that interstitial fluid support 
is to a large extent responsible for low friction coefficients 6, 10. However, Shi et al. 37 showed 
through a pin-on-disk set-up that the material choice on the pin and disk also influenced the 
results significantly. The migrating contact area enabled to replenish the cartilage with fluid 
again to obtain interstitial fluid support throughout the entire experiment. If the tissue is 
allowed to replenish with fluid, the friction coefficient is significantly lowered as the load 
is supported by fluid. When the fluid is expelled and not allowed to replenish, the load is 
supported by the solid part of the ECM, resulting in a higher friction coefficient. Whether one 
of the two conditions or a combination of the two conditions is achieved depends on the test 
set-up. The ball-on-pin set-up used in our study in combination with the polymeric scaffold 
resulted in the load supported by the solid material, thus giving a high friction coefficient. 
Additionally, the tribological tests were performed with the scaffolds immersed in PBS, which 
is not a representative lubrication fluid like synovial fluid. The friction coefficient of bovine 
articular cartilage is reported between 0.1 – 0.02 8, 10 and for human cartilage between 0.06 – 
0.15 for a variety of experimental settings 27. Despite the difficulty to compare our results with 
known values in literature for native cartilage due to the influence of different test set-ups, 
we can infer that our obtained friction coefficients are still indicative of a non-fully matured 
hyaline cartilaginous tissue. In our test set-up, the PU-ball on pin slides in a circular motion 
over the scaffold. However, in knee articulation the motion is a complex combination of 
sliding and rolling which will be difficult to reproduce in vitro. We used PBS as lubrication, but 
from literature it is known that PBS increases the friction coefficient 14. The friction coefficient 
in vivo will be lower compared to the test set-up used in this study due to the lubrication. 

Currently, research of tribological and biological behavior of the interplay between scaffold 
biomaterial and architecture is limited. Here, we present a study on the effect of scaffold 
biomaterial on the friction coefficient. Results showed significant differences between 
commonly used biomaterials, fabricated with the same additive manufacturing technique. 
The benefit of using FDM is the ability to control the scaffold architecture and use different 
biomaterials. FDM enables to investigate systematically the effect of scaffold architecture on 
the friction coefficient. Here, the effect of cell culture on scaffolds showed a surprising result 
as the initially best architecture performed the least at the end of the culture period. Further 
research is needed to investigate if cell culture in polymeric scaffolds would be beneficial 
for the friction coefficient when employed for articular cartilage regeneration. It would be 
interesting to investigate in further studies the effect of ECM compositions produced by 
different cell types, tissue sources or co-cultures on the tribological behaviour of the final 
constructs. By changing the applied load and sliding to a more physiological setting, current 
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and future medical intervention possibilities could be investigated for their prospective 
behaviour. Scaffold design could be optimized for the patients benefit and this study is a very 
first step in developing such a system.

Conclusion

In this study, a comparison between scaffolds fabricated from different biomaterials has been 
made on their biological and tribological behaviour. All scaffolds had good cell attachment and 
supported ECM formation when cultured in basic, osteogenic or chondrogenic differentiation 
media. PEOT/PBT had a higher GAG/DNA production compared to the PCL and P(L\DL)LA. 
However, cell seeded scaffolds cultured in chondrogenic medium had high ALP activity 
signals and had positive ALP staining suggesting a possible hypertrophic differentiation. 
Tribological testing without cell culture showed PEOT/PBT as the best performing biomaterial 
with respect to PCL and P(L\DL)LA. From the scaffold architecture investigation, it was shown 
that reducing fiber spacing reduced the friction coefficient. Reducing the layer orientation 
angle resulted in the scaffold mechanically failing. The best and worst scaffold architectures 
were used to investigate the effect of cell culture on the friction coefficient. Results did not 
show a beneficial effect of ECM formation in cell seeded polymeric scaffolds. Cell seeded 
scaffolds cultured in basic medium had a consistent lower friction coefficient than cell seeded 
scaffolds cultured in chondrogenic differentiation medium. This study shows that the effect 
of scaffold architecture, biomaterial and ECM formation play a crucial role on consctructs 
tribological behavior. 
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Supplementary Figures

Supplementary Figure 1. The Nano Tribometer set-up. The stationary part is the scaffold specimen 

with 8 mm in diameter and 2.1 mm in thickness. The rotating part is a polyurethane (PU) spherical 

cap with a radius of 5 mm and a height of 2 mm.
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Supplementary Figure. 2 Methylene blue images of cell seeded scaffolds cultured in osteogenic 

medium for PEOT/PBT scaffolds (A-C), PCL scaffolds (D-E) and P(L\DL)LA scaffolds (F-G). 
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Supplementary Figure. 3 SEM images of cell seeded scaffolds cultured in osteogenic medium for 

PEOT/PBT scaffolds (A-C), PCL scaffolds (D-E) and P(L\DL)LA scaffolds (F-G). SEM scale bar is 100 µm 

and 200 µm for the inset.
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Supplementary Figure. 4 Methylene blue images of cell seeded scaffolds cultured in chondrogenic 

differentiation medium for PEOT/PBT scaffolds (A-F), PCL scaffolds (G-L) and P(L\DL)LA scaffolds 

(M-R). 
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Supplementary Figure. 5 SEM images of cell seeded scaffolds cultured in chondrogenic medium for 

PEOT/PBT scaffolds (A-C), PCL scaffolds (D-E) and P(L\DL)LA scaffolds (F-G). SEM scale bar is 100 µm 

and 200 µm for the inset.
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Supplementary Figure. 6 ALP staining of cell seeded PEOT/PBT (A-C), PCL (D-F) and P(L\DL)LA (G-I) 

scaffolds cultured in basic medium
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Supplementary Figure. 7 ALP staining of cell seeded PEOT/PBT (A-C), PCL (D-F) and P(L\DL)LA (G-I) 

scaffolds cultured in osteogenic differentiation medium
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Supplementary Figure. 8 ALP staining of cell seeded PEOT/PBT (A-C), PCL (D-F) and P(L\DL)LA (G-I) 

scaffolds cultured in chondrogenic differentiation medium

Supplementary Figure. 9 Friction coefficient vs rotation number for PEOT/PBT, PCL and P(L\DL)LA 

scaffolds at 0.15 N and 1.00 N load applied and 2.0 mm/s sliding velocity
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Supplementary Figure. 10 Spherical cap surface [Image: topography (40X); Number: roughness 

(Sa, nm)] at 0.15 N and 2.0 mm/s for PEOT/PBT (A, B), PCL (C, D) and P(L\DL)LA (E, F) before and 

after conducting a measurement
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Abstract

Regenerating or replacing bone, chondral and osteochondral defects, is an active field in 
tissue engineering. A general strategy is to use a temporary scaffold in which cells are seeded 
onto the scaffolds prior to implantation or attracted into the scaffolds from surrounding 
tissues in the implantation site to form the desired tissue. Several biomaterials have been 
used for the fabrication of scaffolds, including polycaprolactone (PCL) which is often used for 
musculoskeletal tissue engineering. The effect of PCL scaffold architecture on cell behavior 
has been investigated. However, the mechanical properties of the bulk material were not 
taken into account in these studies. PCL is available in a range of molecular weights, resulting 
in a range of bulk mechanical properties. Since bulk material stiffness is able to direct cell 
differentiation, it is likely that the molecular weight of PCL may influence cell behavior. Here, 
we investigated the bulk material properties of both low- and a high molecular weight PCL 
scaffolds fabricated through additive manufacturing. The low molecular weight PCL showed 
a lower bulk material stiffness. During in-vitro cell culture, this resulted in a stronger tendency 
for hypertrophic chondrogenic differentiation compared to the high molecular weight PCL. 
This study shows that apart from the polymer chemistry and scaffold architecture, the bulk 
mechanical properties of the polymer used is an important parameter in scaffold fabrication. 
This is an important finding for the optimization of osteochondral tissue engineering.

Keywords: PCL, Molecular weight, mesenchymal stem cells, additive manufacturing
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Introduction

Major research areas in tissue engineering are the treatments of bone, chondral and 
osteochondral defects. Causes for the advent of defects or degeneration of these tissues can 
be due to traumatic injury, congenital, hereditary or an autoimmune disease 22. The impact of 
skeletal defects on daily life can be severe and some sort of intervention is often necessary. 
In some cases, the spontaneous healing capacity of skeletal tissues is not sufficient and a 
temporary, or permanent, help is needed to support tissue healing. Several tissue engineering 
strategies exist aiming at restoring or replacing the malfunctioning tissue 2, 18, 39.

One of these strategies is using a temporary structure, a scaffold, in which cells are seeded 
and implanted, or to which cells are attracted upon implantation. The scaffold has to elicit a 
desirable response and should therefore possess a number of properties in order to facilitate 
a proper functioning 11, 42, 43. For instance, the scaffold should allow nutrient exchange and 
waste removal through interconnected pores, the biomaterial should be biocompatible 
and biodegradable while the mechanical properties of the scaffold should ideally mimick 
the mechanical properties of the native tissue and simultaneously shield the forming tissue 
from too high loading. Furthermore, the mechanical properties of the scaffold could be used 
to elicit cellular response when biophysically loaded.  The properties of the scaffold should 
be tailored to match the formation of the new tissue in the scaffold 16. A ceramic, a natural 
or a synthetic polymer is often used to fabricate scaffolds for tissue engineering purposes. 
Advantages of ceramic and natural polymers are that their intrinsic properties can elicit cellular 
responses on their own. However, processing of these materials to fabricate scaffolds with 
controlled pore shapes and porosity is often more difficult compared to synthetic polymers 6, 

11, 31. Although synthetic polymers in general don’t possess intrinsic properties to elicit cellular 
response, the ability to tailor the material to display desirable properties makes them very 
interesting. Due to this, synthetic polymers like poly caprolactone (PCL), poly lactic acid (PLA) 
and poly glycolic acid (PGA) are often used as the biomaterial for scaffolds 14, 20, 33, 40, 43. All 
of these biodegradable synthetic polymers have found their way into clinical applications 
and are well described in literature. Especially PCL has a long track history in biomedical 
applications, as it has been well described in a review by Woodruff and Hutmacher 38. In this 
study, we use PCL scaffolds obtained through additive manufacturing (AM). This technology 
allows for the control of the scaffold geometry, and thereby enables the fabrication of patient 
specific scaffolds. Apart from that, the scaffold internal architecture can be controlled and 
reproduced. As such, possible effect of the fabrication technique used on cell behaviour can 
be eliminated 21, 37.

Because PCL is such a common material, PCL of different molecular weights can be obtained. 
The surface chemistry and topography is expected to be the same when obtaining PCL 
scaffolds through the same production technique. However, the bulk stiffness of the different 
molecular weights will be different. From literature, it is known that the bulk material stiffness 
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can influence cell behavior 4, 9, 10. In these studies, hydrogels with a stiffness in the range of 
1 – 100 kPa were generally used as biomaterials. Cells were either cultured on 2D hydrogels 5, 
coated with collagen type I 9, 10, or encapsulated in the hydrogel 15, 17. To the authors knowledge, 
the effect of mechanical properties of stiffer polymers, such as PCL, on cells has not been 
investigated. Additionally, the effect of bulk material stiffness on cells in an open porous 3D 
scaffold is not known. We hypothesize that by using PCL with different molecular weights, a 
difference in behavior of mesenchymal stromal cells can be observed. 

Material and Methods

Scaffold fabrication

Scaffolds were fabricated by a bioscaffolder (SYSeng, Germany), as previously described 12. 
Briefly, granules of either low PCL (Mw 14.000, Sigma) or high PCL (Mw 65.000, Sigma) were 
inserted in the cartridge of the machine and heated to 60 – 65 oC for low PCL and to 125 – 130 
oC for high PCL. An applied nitrogen pressure of 5 bar and an auger screw system rotating at 
200 RPM extruded the molten polymer through a 250 µm diameter needle (DL technology) 
on a stationary platform. Scaffolds were fabricated through a layer-by-layer deposition, 
in which the angle between layers, fiber spacing and layer thickness can be set while the 
fiber diameter depends on the needle size chosen. Scaffold blocks of 30 x 30 x 2,1 mm were 
created with a fiber diameter of 175-200 µm,  a layer thickness of 150 µm, a fiber spacing 
of 1000 µm and 90o angle between layers. Cylindrical scaffolds of 8 mm in diameter were 
obtained by using a biopsy puncher (Miltex). The actual fiber spacing and fiber diameter were 
measured with ImageJ. For this, stereomicroscope images were loaded and  measurements 
were performed at random locations (3 samples, 5 measurements per sample). 

Mechanical characterization of low and high PCL

Solid blocks of low and high PCL were obtained through compression molding to determine 
the stiffness of the bulk material. Polymer granules of either low or high PCL were placed in an 
open, heated mold cavity, 50 mm diameter and 2 mm high. After closing the mold with a plug, 
pressure was applied and the mold was heated until the polymer reached the molten phase. 
The mold was pressurized and heated for 5 minutes, after which the samples were cooled to 
room temperature. Three cylindrical plugs of 6 mm diameter were punched from the blocks 
and used for determination of the bulk material stiffness. An unconfined compression test 
was performed with a Zwick Z050. A compression of 5% strain per min to a maximum of 15 % 
strain was applied. Stresses at 4 % and 8 % strain were used to calculate the stiffness.

Cell culture

Bone marrow aspirates were obtained from patients after written informed consent. 
hMSCs were isolated and proliferated as described previously 8. Basic medium consisted of 
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α-MEM (Gibco) supplemented with 10 % FBS (Lonza), 0.2 mM L-Ascorbic acid (Sigma), 2 mM 
L-glutamine (Gibco), 100 U/mL penicillin (Life Technologies) and 100 µg/mL streptomycin (Life 
Technologies). Proliferation medium was basic medium supplemented with 1 ng/ml bFGF 
(Instruchemie). Osteogenic differentiation medium consisted of basic medium supplemented 
with 10 nM dexamethasone (Sigma). Chondrogenic differentiation medium consisted of 
high glucose D-MEM (Gibco, Netherlands) supplemented with 50 mg/mL ITS pre-mix (BD 
biosciences), 50 mg/mL L-Ascorbic acid (Sigma), 100 mg/mL sodium pyruvate (Sigma), 100 
U/mL penicillin (Invitrogen) and 100 µg/mL streptomycin (Invitrogen), 10 ng/ml TGF-β3 (R&D 
systems) and 0.1 nM dexamethasone, which were freshly added every time that medium was 
changed. Cells were grown up to 80-90% confluency at 37 oC in a humidified atmosphere with 
5% CO2. Passage 3 cells were used for all experiments.

Cell culture on scaffolds

Scaffolds were sterilized by immersion in 70% ethanol, twice for at least 15 minutes, and were 
subsequently washed with PBS. Afterwards, the sterile scaffolds were immersed in a 1 mg/ml 
rat tail collagen type I (BD biosciences) solution overnight in a cell culture incubator. Scaffolds 
were washed with PBS and dried with the aspiration pump shortly before seeding 500.000 
hMSCs per scaffold in 65 µL proliferation medium. hMSCs for chondrogenic differentiation 
were pre-incubated with 0.3 mg/mL fibronectin (Invitrogen) for 15 minutes before seeding. 
After seeding, cells were allowed to attach to the scaffold surface for 4h before adding 
proliferation medium to 2 mL per scaffold. All scaffolds were cultured in proliferation medium 
for 7 days before changing to either basic, osteogenic or chondrogenic differentiation 
medium.  Scaffolds were removed from cell culture after 7, 14 and 28 days of culture in 
differentiation media. At each time point, 3 scaffolds were collected for biochemical analysis, 
1 for histology and 1 for microscopy. Every other day the medium was refreshed. The cell 
seeded scaffolds were placed in an incubator at 37 oC in a humidified atmosphere with 5% CO2.

DNA assay

Cell cultured scaffolds (N=3) were cut in half for either a.u. ALP/µg DNA quantification or µg 
GAG/µg DNA quantification. Each half was cut in as small pieces as possible and subjected 5 
times to a cycle of freeze-thawing before analysis. Total DNA content was determined, on 
either lysate, following the manufacturer’s protocol (CyQuant Cell proliferation assay kit). 
ALP and GAG were corrected by their total DNA content. 

ALP assay

Cell lysis buffer (0.1 M KH2PO4, 0.1 M K2HPO4, 0.1% Triton X-100, pH 7.8) was added to the cut 
samples and incubated for 1 hour at room temperature before ALP or DNA quantification. 
ALP activity was quantified from the lysate according to the manufacturer’s protocol (CDP-
star Chemiluminescent substrate kit, Roche) with a VICTOR plate reader (Perkin Elmer).
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GAG assay

The other half of the cell cultured scaffold was digested in 1 mg/ml proteinase K (Sigma) in 
Tris/EDTA (pH 7.6) containing 18,5 µg/mL iodoacetamine (Sigma) and 1 µg/mL Pepstatin A 
(Sigma) for 16 hours at 56 oC. Sulphated GAG content was spectrophotometrically determined 
immediately after adding 9-dimethylmethylene blue dye (DMMB, 3.04 g/L glycine, 2.37 g/L of 
NaCl, pH = 3) at an absorbance of 525 nm in a Multiskan Go (Perkin Elmer). The amount of 
GAG was determined using a calibration curve of chondroitin sulphate.

Methylene blue and ALP staining

Cell seeded scaffolds were washed with PBS and fixated by 10% neutral buffered formalin for 
1 hour. Scaffolds were cut in half and one part was used for methylene blue and the other 
for ALP staining. A drop of 1% methylene blue solution was applied to the scaffold for one 
minute. The stained scaffolds were washed with demineralized water until there was no more 
discolouring of the water. Samples were imaged with a Nikon SMZ-10A stereomicroscope 
equipped with a Sony 3CCD camera.

ALP staining was conducted with the Leukocyte Alkaline Phosphatase kit (Sigma) following 
the manufacturers protocol. The remaining halves of the scaffolds were incubated with 
the fresh prepared alkaline dye for 30 minutes, after which the scaffolds were washed with 
demineralized water and imaged with a Nikon stereomicroscope. 

Scanning Electron Microscopy (SEM)

Formalin fixated scaffolds samples were dehydrated through an ethanol series. The samples 
were immersed in HMDS (Sigma) for 15 minutes after total dehydration. Excessive HMDS was 
removed and the samples were left to dry overnight. The dried samples were mounted on a 
stage, gold sputtered and imaged with a SEM (XL-30 ESEM-FEG, Phillips).

Statistical analysis

A Two way ANOVA with Bonferroni’s post-hoc test was used. P values less than 0.05 were 
considered to be statistically significant. All values are reported as average mean with 
standard deviation. 

Results

Mechanical characterization

Two types of PCL were chosen based on their molecular weight. Compression moulded 
cylindrical blocks were subjected to an unconfined compression. The determined stiffness 
was 204.2 ± 8.6 MPa for high PCL and 146.5 ± 7.6 MPa for low PCL.  
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Figure. 1 Methylene blue images of high PCL (A-C, G-I and M-O) and low PCL (D-F, J-L and P-R) for 

basic (A-F), osteogenic (G-L) and chondrogenic (M-R) differentiation medium (scale bar is 1 mm)
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Scaffold characterization

3D PCL scaffolds with pre-defined architectures were obtained through additive 
manufacturing. Measurements showed an actual fiber spacing of 1068 ± 23 µm, a fiber 

Fig. 2 SEM images hMSC cultured on high PCL (A-C, G-I and M-O) and low PCL (D-F, J-L and P-R) 

scaffolds in basic (A-F), osteogenic (G-L) and chondrogenic (M-R) differentiation medium (scale bar 

is 200 µm)
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Figure. 3 DNA (A), ALP/DNA (B) and GAG/DNA (C) for hMSC cultured on low and high PCL scaffolds 

cultured in basic, osteogenic and chondrogenic differentiation medium (X is statistical significant 

difference from day 7 in same media, + is statistical significant difference from day 14 in same 

media, o is statistical significant difference from high PCL chondro at same timepoint, / statistical 

significant difference from low PCL chondro at same timepoint.)

diameter of 213 ± 26 µm and a layer height of 159 ± 14 µm for low PCL scaffolds. For high PCL 
scaffolds, the fiber spacing was 1059 ± 22 µm, the fiber diameter was 187 ± 18 µm and the layer 
thickness was 151 ± 7 µm.

Cell distribution and ECM formation

A

B
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Figure. 4 ALP staining of hMSC cultured on high PCL (A-C, G-I and M-O) and low PCL (D-F, J-L and 

P-R) scaffolds in basic (A-F), osteogenic (G-L) and chondrogenic (M-R) differentiation medium 

(scale bar is 1 mm)
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Methylene blue images showed good cell attachment for both low and high PCL and for 
all media (Figure. 1). Cell seeded scaffolds cultured in chondrogenic differentiation media 
showed rounded cell morphology (Figure. 1 M-R). Homogeneous cell distribution was seen 
at each time point and SEM images showed ECM deposition on the interior of the scaffold 
(Figure. 2). DNA content between low and high PCL were similar (Figure. 3A).

Cell differentiation on low and high PCL

ALP/DNA showed higher values for samples cultured in chondrogenic medium as opposed 
to osteogenic differentiation medium (Figure. 3B). It is only in chondrogenic media that the 
ALP/DNA values significantly increased in time for both PCL scaffolds. In high PCL scaffolds, 
after 28 days the ALP/DNA was statistically significant different between chondrogenic and 
osteogenic differentiation media. For low PCL scaffolds the results between chondrogenic 
and osteogenic differentiation media were statistically significant for day 14 and 28. The 
ALP/DNA results showed statistically significant higher values for low PCL scaffolds for 
chondrogenic differentiation media at day 14 and 28 compared to high PCL scaffolds. For 
cell seeded scaffolds cultured in osteogenic differentiation media, there was no statistically 
significant difference between high PCL and low PCL. The ALP staining corroborated the 
results of the biochemical analysis (Figure. 4). The trend seen in the biochemical analysis for 
basic media was reflected in the staining, with a peak at day 14. For cell seeded scaffolds 
cultured in osteogenic and chondrogenic differentiation media, the staining became more 
intense for day 14 and 28.

Chondrogenic differentiation was assessed by GAG production (Figure. 3C). GAG production 
was shown to increase statistically significant in time for cell seeded scaffolds cultured in 
chondrogenic differentiation media. Both low and high PCL supported chondrogenic 
differentiation as was also seen in the Methylene blue images through the rounded cell 
morphology (Figure. 1 M-R). GAG/DNA increased from 6.89 ± 0.78 µg GAG/µg DNA at day 7 to 
14.01 ± 1.62 µg GAG/µg DNA at day 14, to a maximum of 24.99 ± 4.38 µg GAG/µg DNA at day 
28 for high PCL scaffolds. Similar results were seen for low PCL scaffolds with 6.30 ± 0.38 µg 
GAG/µg DNA at day 7, 9.98 ± 3.59 µg GAG/µg DNA at day 14, and a maximum of 23.55 ± 5.24 
µg GAG/µg DNA at day 28 as well. There was no statistical significant difference between low 
and high PCL scaffolds. The GAG/DNA values for scaffolds cultured in chondrogenic media 
were statistically significant higher than scaffolds cultured in basic and osteogenic media for 
day 14 and 28.

Discussion

Using a temporary or permanent structure, a scaffold, is one of the several strategies that 
exist to treat bone, chondral or osteochondral defects. The biomaterial for fabricating a 
scaffold can be either natural or synthetic. While ceramic and natural polymers can elicit a 
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cellular response, synthetic polymers generally cannot do so 6, 11, 31. The tunable degradation 
time, degradation products and FDA approval for specific medical applications makes PCL an 
often used polymer 3, 28, 29, 38. PCL is therefore available in a large number of different molecular 
weights. Engler and Discher among others 9, 10, have shown with 2D hydrogels, coated with 
collagen, that cells were able to sense the stiffness of the hydrogel and determined their cell 
fate accordingly. Huebsch et al. showed this in 2D 5, but also in 3D hydrogels by encapsulating 
cells in alginate 15. By changing the molecular weight of PCL, the surface chemistry and 
topography remains the same but the bulk material stiffness will be different. Using AM 
scaffolds of PCL, the cells experience a different environment as they are not encapsulated 
and restricted in a certain morphology as they would in a hydrogel in absence of adhesive 
domains. We therefore investigated if the different molecular weight of PCL had an influence 
on cell behaviour in 3D scaffolds fabricated with similar structural properties, surface 
chemistry and topography but different bulk stiffness. Solid cylindrical samples were punched 
from compression moulded blocks and mechanically tested in an unconfined compression 
test. High PCL of 65.000 Da was stiffer than low PCL of 14.000 Da and thus showed a different 
bulk material stiffness with different molecular weights. 

Methylene blue images of cell seeded scaffolds cultured in chondrogenic differentiation 
media, showed a rounded cell morphology suggesting the hMSCs differentiated towards the 
chondrogenic lineage (Figure. 1 M-R). Biochemical analysis for chondrogenic differentiation 
showed a statistically significant increase in GAG/DNA in time for both low and high PCL (Figure. 
3C). However, there was no statistical significant difference for the GAG/DNA levels between 
low and high PCL. The levels of GAG/DNA were higher than what reported in literature for 
in-vitro cultured chondrogenically induced hMSCs. For an osteochondral scaffolds consisting 
of a PLA scaffold press coated with a chondrifying cell pellet 35, as well as for electrospun 
scaffolds seeded with hMSCs 36, a level around 5 µg GAG/µg DNA was reported.

ALP activity was performed as this is one of the many factors for the indication of hMSCs 
osteogenic differentiation (Figure. 3B). Previous work showed higher ALP/DNA values for cell 
seeded scaffolds cultured in chondrogenic differentiation medium compared to osteogenic 
differentiation medium 13. In the presented study, the ALP/DNA levels were again statistically 
higher for chondrogenic than osteogenic differentiation and basic medium. Interestingly, 
ALP/DNA was statistically significant higher for cell seeded scaffolds cultured in chondrogenic 
medium from low PCL compared to the osteogenic medium from low PCL and compared to 
the chondrogenic and osteogenic cultured cell seeded scaffolds from high PCL. ALP staining 
corroborated the biochemical analysis (Figure. 4). Together, these findings could implicate 
that the hMSCs induced to chondrogenic differentiation are going towards hypertrophy. 
From literature, it is known that hMSCs do have the tendency to differentiate towards a 
hypertrophic chondrogenic phenotype 1, 27. Jeong and Hollister 19 had similar results with PCL 
scaffolds. However, they used chondrocytes and osteoblasts in their study. Although this 
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effect has been seen in previous studies 1, 27 and our own work (submitted), further analysis 
needs to be performed to further clarify if hMSCs induced to the chondrogenic lineage are 
indeed going towards an hypertrophic phenotype. 

Additionally, the effect of bulk material stiffness on cell behaviour in a 3D open porous 
structure could be investigated. With AM the scaffold architecture was completely 
controlled. Roosa et al 30, showed with PCL scaffolds that a pore size in the range of 350 – 800 
µm resulted in differences in bone regeneration and mechanical properties after 4 weeks of 
subcutaneous implantation in mice. However, no beneficial effects were detectable anymore 
after implantation for 8 weeks, even though the porosity of the PCL scaffolds used were not 
the same. Hsu et al 14 created scaffolds with a pore size of 250 µm through fused deposition 
modelling. They changed the angle between successive layers, effectively changing the pore 
shape. Additionally, they made square scaffolds and scaffolds which were concentric with a 
large free inner space. The layer angle did not result in different cellular responses, but the 
concentric scaffolds showed more collagen deposition by the seeded osteoblasts.

By using AM we could additionally investigate if the bulk material stiffness had an influence 
in 3D open porous scaffolds. It is known that encapsulated cells in hydrogels do react to 
stiffness. Yet, no study has investigated if this is also the case for open porous 3D scaffolds. 
Changing the bulk stiffness could be easily performed by using a different polymer. This will, 
however, result in a different surface chemistry and topography as well, which are biomaterial 
characteristics known to have the ability to influence cell behaviour 23, 41. Using the same 
polymer, PCL, but different molecular weights, the bulk stiffness was changed maintaining 
surface chemistry and topography unaltered.

Most reported studies that investigate the influence of biomaterial stiffness on cell 
differentiation were conducted with hydrogels 5, 9, 10, 15, 17. The stiffness range for instructing 
differentiation was reported to be in the range of 1 – 100 kPa for 2D hydrogels coated with 
collagen and 3D hydrogels where cells were encapsulated. In our situation the stiffness of 
the bulk material far exceeds the stiffness of the hydrogels. Another fundamental difference 
is that cells were not encapsulated but attached to the scaffold surface. The deposited ECM 
accumulates over time creating a distance from the surface of the scaffold. It is known that 
cells can sense up to a certain distance the stiffness, which would be at some point in time 
the stiffness of the deposited ECM 7, 32. As demonstrated by Chaudhuri et al 5, not only the 
stiffness of the material is important but also the ligand density, the cell-ECM anchoring. They 
showed that the available ligand density and the opportunity for cells to actively remodel 
their environment were also able to direct cell differentiation. In our 3D AM scaffolds, the 
ECM secreted by the cells can be remodelled without restrictions imposed by the scaffold 
system, in contrast to cells encapsulated in hydrogels. 

Scaffolds were coated with collagen type I before cell seeding. This means that cells were not 
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directly interacting with the PCL surface, which may influence the actual surface stiffness that 
is perceived by the cells. However, Trappmann et al 34 reported that the stiffness as sensed 
by cells mainly depends on the protein - biomaterial surface interactions. With more binding 
sites between the protein and the surface, less deformation of the protein is possible and cells 
sense a higher stiffness of the biomaterial surface. Less binding sites between surface and 
proteins result in cells perceiving a lower stiffness. In this study, by using the same polymer 
with different molecular weights, the same surface chemistry and therefore the same surface 
- protein interaction can be expected. As such, the influence of different surface - protein 
interaction should not play a significant role, and differences in the stiffness perceived by the 
cells will be based on differences in stiffness of the biomaterial.

The cells seeded on low PCL had a statistically significant higher ALP/DNA level than high 
PCL. Currently, the mechanism that causes the observed difference is not known. More 
research should be conducted to unravel the cause of the underlying mechanism responsible 
for the higher ALP/DNA levels. To assess the chondrogenic and osteogenic differentiation 
of the hMSCs, the common markers GAG and ALP were measured. In future experiments, 
PCR and immunohistological staining should be performed to further discriminate between 
the differentiation lineages and between the low and high PCL scaffolds. For osteogenic 
differentiation bone sialoprotein, BMP2, osteocalcin, osteopontin and osteonectin would 
be good markers, while for chondrogenic differentiation collagen type-II, collagen type-X, 
SOX-9, and aggrecan would be logical choices. Collagen type-X could give indication if the 
chondrogenic differentiation is indeed going towards hypertrophy as expected by the 
high GAG/DNA coupled with the high ALP/DNA ratio. Performing long term cultures (e.g. 8 
weeks) should indicate if the current observations will be sustained on a longer time period. 
It would be interesting to investigate if a molecular weight of PCL higher than 65.000 Da 
would result in lower ALP/DNA values and what would be the cause of this phenomenon. 
The difference in bulk mechanical stiffness by using a different molecular weight could be 
very useful in designing scaffolds. The relation between pore size, shape and porosity on 
the apparent stiffness of the scaffold is described in literature 24-26. Pore structural properties 
could be, therefore, an extra variable available to customize the scaffold design to meet the 
desired criteria, for example matching scaffold mechanical properties to the native tissue 
mechanical properties. The effect of bulk stiffness and scaffold architecture could be used 
in a mechanically loading bioreactor, for example, to optimize and precondition tissue 
engineering scaffolds. The design of the scaffold could be further optimized by coupling such 
mechanical loading with numerical modelling able to predict cell differentiation 12.

Conclusion

Two extremes of molecular weights for PCL were chosen, 14.000 Da and 65.000 Da. 
Mechanical analysis showed a higher stiffness for the high molecular weight PCL. Cell 
seeded scaffolds of low and high PCL were cultured in basic, osteogenic and chondrogenic 
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differentiation medium. In both low and high PCL the GAG/DNA levels were high, showing 
a robust chondrogenic differentiation. Interestingly, low PCL had higher levels of ALP/DNA 
than high PCL suggesting a stronger tendency for low PCL to go into hypertrophy. Further 
research should aim at unravelling the cause for this phenomenon as the results could be 
used to design site specific regions in an osteochondral scaffold.
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Chapter 7

General conclusions

In this thesis, scaffolds of different design are prepared by varying both the biomaterial and 
the architecture, dictated by the pore configuration. The pore configuration is considered to 
be determined by the pore size and shape. In the first chapter, an introduction to scaffold 
design and the general aim of this thesis are given. The main objective of this thesis is to 
study how to design and use the mechanical properties of 3D scaffolds to influence cell 
behavior. Besides the fact that scaffolds should perform with an appropriate host response 
in a specific application 23, the pore size, shape and the subsequent mechanical properties are 
as important in influencing cell behavior 9, 11. Since cells respond to biophysical loading, it is 
relevant to understand how the distribution of stress and strain is influenced by the scaffold 
design in order to engineer better performing scaffolds for tissue regeneration applications.

In chapter 2 and 3, local stimuli from biophysical loading are simulated for a number of 
scaffold designs. The main conclusions from these chapters are that for a reliable and accurate 
stress and strain distribution prediction, a model should be based on an actual fabricated 
scaffold. A representative CAD model of the scaffold cannot reproduce the transitions 
seen between the fused fibers of the scaffold. Therefore, the stress and strain distributions 
seen in the model based on an actual scaffold could not be reproduced in the CAD model. 
It should be realized that the cells in the initial stage of cell attachment and differentiation 
on the scaffold surface perceive different strain magnitudes than embedded cells in a 
matrix. When predicting cell differentiation stimuli with the conventional strain calculation 
where the volumetric deformation of the biomaterial is considered, the strain magnitude is 
overestimated compared to the strain solely on the surface of the scaffold. Therefore, the 
biophysical stimulus for cell differentiation predictions in the initial stage of cell attachment 
and differentiation in a scaffold is also overestimated when the volumetric strains are used. 

In chapter 3, the influence of the pore configuration on the strain distribution shows the 
importance of the presence of a load bearing vertical column in the scaffold. In such a scaffold 
the crossing of fibers are located at the same location for each layer in the vertical direction 
creating thereby a vertical column. If such a column exists, the strain is confined to the 
crossing of the fibers. When such a column is not present, the strain is able to extend much 
farther from the crossing fibers. Therefore, the surface area affected by mechanical loading 
is significantly higher in the absence of a column. For the fluid shear stress, the effective 
pore shape shows to be the determining factor. The smaller the pore size, the higher the 
fluid shear stress magnitudes and the larger the surface area that is affected. Additionally, 
the top fibers of the scaffold shields the lower situated fibers oriented in the same direction 
from fluid shear stress. The severity of shielding becomes less marked when the layers in the 
scaffold are offset laterally. With the pore configuration of the scaffold, regions experiencing 
different shear stress and strain magnitudes can be developed in the scaffold. This would 
enable the use of a single scaffold for more than one tissue, for example bone and cartilage 
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in the same scaffold. Currently, the design process is one way, meaning that a scaffold is 
designed, albeit through an optimization algorithm, fabricated and tested. A feedback loop 
in which the actual fabricated scaffold and its mechanical performance is tested and used 
to improve the design and the optimization algorithm, would be a strong asset. With the 
current methodology this will be very laborious and time consuming, and therefore it would 
be recommended to automatize all the steps as much as possible. 

The overall conclusions that can be drawn for chapter 2 and 3 are that the cell differentiation 
stimuli from biophysical loading are highly dependent on the scaffold design. Throughout 
history the specific mechanical stimuli for specific tissues were always debated 15, 17, however 
the mechano-regulation theory of Prendergast 16 is the most often used. Yet, simulations 
showed that cells seeded in a scaffold possibly perceive different strain magnitudes as 
currently determined in literature. These findings implicate that different mechanical stimuli 
have to be used for predicting cell differentiation and tissue formation in a tissue engineering 
(TE) scaffold and fracture healing. Nevertheless, the scaffold architecture is important for the 
stress and strain distribution in the porous network. The simulations in chapter 3 show that 
with specific scaffold configuration, the influence of mechanical strain or fluid shear stress 
can be enhanced or decreased solely with the pore shape and size. 

For actual biophysical loading, a bioreactor of some kind will be needed. These are expensive 
and certainly not available to every researcher. A shape memory polymer (SMP) is a less 
costly opportunity to deliver a mechanical stimulus to cells. Chapter 4 shows the feasibility of 
cell culture on an additive manufactured 3D scaffold prepared from a SMP, which is capable 
of providing a mechanical stimulus to the cells attached on the scaffold. The main conclusion 
from this study is the possibility of applying a stimulus in time without the need of a mechanical 
or perfusion bioreactor. The obtained results were promising, yet the stimulus applied is only 
a one-time stimulation. In literature, examples of multiple temporarily shapes are reported 
12, 25. However, the temperature ranges of these SMPs are too large to be functional in the 
human body 25. Since the scaffold should perform at human body temperature, the restriction 
imposed on the SMP is significant. For research purposes, an SMP that can alternate between 
two distinct shapes with activation temperatures close to each other would be needed, 
which is still a challenge to achieve. Alternatively, the focus could be more directed to using 
the single shape recovery for minimal invasive surgery. SMPs should be improved in terms of 
biocompatibility and biodegradability. Focus should shift more to grow immature tissue on 
these scaffolds which are kept at a size as small as possible. SMP scaffolds will enable minimal 
invasive surgery as the scaffold will unfold upon implantation to its final shape. However, 
more research is needed to fully exploit the potential of these materials in combination with 
cell culture for TE purposes. Nevertheless, a deformation stimulus can be applied at some 
point in time with an SMP, thus providing a route toward 4D printed scaffolds. Although the 
use of SMP scaffolds in cell culture is currently in its infancy, its potential in TE is substantial.
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Considering the scaffold design, the intended application of the scaffold is an important 
design criterion. For a scaffold to be used in an osteochondral or articulating environment, 
the scaffold should support a smooth articulation as much as possible. The friction coefficient 
is an important parameter in a scaffold design for supporting the articulation. In chapter 5, 
the effect of the biomaterial and the pore configuration of the scaffold are investigated. 
The choice of the biomaterial has a significant impact on the friction coefficient. The well-
established biomaterials PCL and PLA showed to have a higher friction coefficient than PEOT/
PBT. Subsequently, the effect of pore configuration also showed to influence the friction 
coefficient significantly. When a pore configuration without a load supporting vertical column 
was used, the scaffold mechanically failed. Conversely, scaffolds with a load supporting 
vertical column and reduced fiber spacing showed a reduced friction coefficient. However, cell 
culture on these scaffolds did not irrevocably decrease the friction coefficient. Several studies 
showed the influence of the experimental set-up on the obtained friction coefficient 7, 21. It 
would be desirable to develop a set-up which would approximate the end-use environment 
in the best possible way. For osteochondral applications this can be achieved for example 
by using joints of animals that match the human joint as closely as possible. In our study, the 
lubricant used was PBS while this is far from a realistic lubricant in the human joint. Obtaining 
a realistic set-up will be crucial in the pursuit of designing a scaffold for osteochondral 
applications and understanding the effect of scaffold design on the friction coefficient. 

From literature it is known that cells are able to probe their environment for its mechanical 
properties and adjust their behavior accordingly 5, 6. The mechanical properties of a scaffold 
are depending on the biomaterial and the pore configuration. Besides the pore configuration, 
the bulk stiffness of the material adds to the overall mechanical properties of the scaffold. 
The choice for a particular biomaterial in a scaffold design could, for example, be based on 
a mechanistic point of view. However, the biomaterial itself has also an influence on cell 
behavior. PCL is a common biomaterial and can be synthesized in different molecular weights. 
As theoretically expected, in chapter 6 we show that decreasing PCL molecular weight results 
in a decrease of PCL bulk stiffness. Cell culture on the lower molecular weight PCL scaffolds 
had the tendency of driving the hMSCs to go towards hypertrophy. Could the result of the 
tendency of hMSCs to hypertrophy be explained as a result of a biomaterial property or did 
the biomaterial only accelerate it? And is PCL the only biomaterial showing this tendency of 
hypertrophy with different molecular weights, thereby suggesting or excluding the tendency 
of hypertrophy to be a result of a biomaterial property? These are important implications for 
a scaffold design as they can be unwanted in the case of chondrogenic applications, but may 
be also exploited if it is a biomaterial property. In the latter case, it could be used to develop 
a scaffold for osteochondral applications in which the scaffold can instruct by its material 
property a gradient in the forming tissue. 
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Future perspectives and directions

As previously discussed, scaffolds have to provide a temporary structure in which cells form 
tissue that would eventually replace the scaffold in time. Scaffolds have to be biodegradable, 
display a suitable surface chemistry, match mechanical properties of native tissue, provide 
an interconnected pore network for nutrient supply and waste removal, while they have to 
be easily processed in various shapes and sizes 9, 11. While these requirements have been set 
more than a decade ago and are still valid today, knowledge has increased considerably and 
the introduction of finite element analysis (FEA) in TE resulted in a better understanding of 
the performance and influence of scaffold design in tissue regeneration. 

At the moment, the use of FEA in TE for designing scaffolds is not used to its fullest 
potential due to its time consuming nature and lack of experimental mechanical validation. 
To exploit fully the use of FEA in TE, the workflow of a scaffold design to a mechanically 
validated FEM should be changed. Currently, the workflow of making a numerical model of 
a scaffold design consists of either making a model from a CAD scaffold or from an actual 
fabricated scaffold, which is time consuming 8, 14. In studies where the mechanical results of 
the simulated and fabricated scaffolds were compared, generally differences were found 2, 

4. At most, the settings of the numerical model were optimized to match the experimental 
results. To improve and fully exploit the use of FEA in TE, the numerical model should predict 
the experimental mechanical results irrespective of the scaffold design. In order to achieve 
this, adaptations need to be made in the workflow. The first thing should be adapting the 
CAD model on which the numerical model is based to better represent the actual fabricated 
scaffold. Chapter 2 shows that the fusing of the fibers causes the difference in the stress 
and strain distribution throughout the scaffold. A possibility to solve the difference seen is 
by developing a mathematical algorithm which takes into account the fusing of fibers. The 
fusing characteristics of fibers seem to be a result of the production technique as it was seen 
with all the biomaterials used. With such an algorithm, every possible scaffold design can be 
accurately modelled based on the respective production technique, resulting in an accurate 
representation of the scaffold design without the need of producing the actual scaffold.

The second issue that should be improved is the actual scaffold fabrication. At the moment, 
the process of fabricating a scaffold is not automatized and very susceptible to the 
experience of the operator. Automation is a common practice and should be possible in TE 
as well. For fabricating scaffolds, a feedback loop to the computer controlling the deposition 
of the biomaterial should enable a more homogeneous scaffold. This could be obtained, 
for example, by using a laser tracking the deposition of the fiber, thus measuring the fiber 
thickness and adapting the speed of the dispensing unit accordingly, since it is known that 
these manufacturing parameters vary in time due to the biomaterial degradation. Besides 
obtaining a more homogeneous scaffold, reproducibility will be further increased as well.  
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Examples of algorithms are described in literature, which change the scaffold design to match 
the resulting mechanical properties of the scaffold with native bone tissue 4, 10, 20. However, 
fabricating such scaffolds is still a challenge with the fabrication technique used. Scaffolds did 
not completely match the designed pore configurations which resulted in different mechanical 
properties of the scaffold than simulated. When the numerical model for a random scaffold 
design is able to correctly predict experimental mechanical results, the true potential of FEA 
in TE can be used. Scans from the patient can be used to determine the stiffness of the bone 
tissue for example based on the bone density. When this will be achieved, it will be possible 
to develop and fabricate a scaffold which matches the mechanics of the native tissue.    

Next to determining the mechanical properties of the scaffold design, FEA is often employed 
for predicting cell differentiation and tissue formation in numerical models of TE scaffolds. 
The stress and strain distribution of the scaffold after loading is linked with cell differentiation 
through a mechano-regulation theory. The most often used mechano-regulation theory is 
based on fitting data of a bone-implant interface to mathematical descriptors in order to 
predict cell differentiation 13. This theory was also used for predicting tissue formation inside 
scaffolds 3, 14, 18, 19. An important question that needs to be asked is what the numerical model 
should simulate, i.e. what is the intention of the model. In case of predicting cell differentiation 
and tissue formation in an in-vivo environment, it is highly likely that the pore space of the 
scaffold is filled with granulation tissue. Embedded cells in the pore space of the scaffold 
will experience a biophysical loading from all directions. This has to be accounted for in the 
model by the mathematical descriptors of the mechano-regulation theory used for predicting 
cell differentiation. However, controlling the amount of biophysical loading will probably be 
hard to achieve in-vivo. Additionally, the direction and duration of the loading will be hard 
to control as well. A possibility would be to create an in-vivo bioreactor that would reduce 
or eliminate possible variations in biophysical loading. Another advantage of an in-vivo 
bioreactor would be that the biological environment in which the scaffold recedes is similar 
to the intended use of the scaffold. Such a biological environment cannot be recreated fully 
in an in-vitro setting. Alternatively, the biophysical loadings on the scaffold could be recorded 
and used in the simulations. With the recorded loading, a more realistic loading pattern could 
be obtained and used in FEA with which the biological results can be compared to.

A strong suggestion for future studies would be to systematically investigate the influence of 
biophysical loading on cell seeded scaffolds in an in-vitro bioreactor system. The culturingand 
loading conditions are completely controlled in such a system. In the initial phase of culture, 
where the cells do not yet fill the pore space, the numerical model has to take into account 
that the cells perceive stresses and strains from the surface of the scaffold, essentially a 2D 
deformation. This is a fundamentally different situation with an in-vivo numerical model, as in 
such a system the stresses and strains perceived by the cells are from a volume deformation, 
a 3D deformation. However, extracellular matrix (ECM) will be deposited from the beginning 
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and cells will be present in the ECM that starts to fill the pore space. At some point in time, 
the stresses and strains perceived by the cell will change from a 2D deformation to a 3D 
deformation. In scaffolds filled with a cell laden hydrogel filling the pore space, cells would 
experience a 3D deformation showing the necessity of having a representative numerical 
model for the biological experiment. Nevertheless, in both the 2D and 3D deformation 
situations it is crucial to have a mechanically validated numerical model, obtained as described 
before. With the in-vitro bioreactor and the numerical model, the actual response of cells to 
biophysical loading can be investigated. Different scaffold designs can be simulated, tested 
and compared with in-vitro results which would strengthen any discovered relationships 
between biophysical loading and cell differentiation. Results of the in-vitro experiments can 
be used to further develop the maturation of ECM and tissue formation in the numerical 
model. The next step would then be to assess similarities between in-vitro and in-vivo 
experiments and investigate whether the numerical models can explain the experimental 
results, or whether the numerical models can explain any differences seen between the in-
vitro and in-vivo experimental results. 

Finally, two different strategies should be followed with respect to scaffolds for TE. In both 
strategies there will be a need for the optimized scaffold design as discussed before. The 
use of FEA in the prediction of cell differentiation and tissue formation can be a very useful 
tool in preconditioning in-vitro tissue before implantation. The first strategy focusses on the 
implantation of acellular scaffolds, while in the second strategy scaffolds will be implanted 
with a preconditioned tissue already formed in the scaffolds. A tremendous amount of 
time and money can be saved if a second surgery to implant a preconditioned TE construct 
can be avoided. The first surgery needed to obtain a biopsy and isolate cells for growing 
the preconditioned tissue will not be necessary any more. In this sense, scaffold design 
becomes of even higher importance when a scaffold is implanted without preconditioned 
cells or tissue. However, in that case the scaffold should be instructive and able to control 
tissue regeneration in-vivo. Cell behavior is not only affected by the biophysical loading, 
but surface topography, surface chemistry and bulk material stiffness are also able to 
direct cell differentiation 6, 22. The influence of surface topography has been shown in 2D on 
poly lactic acid chips 22 and in 3D applications with ceramics 24. It would be a tremendous 
achievement if the surface topography of 3D polymeric scaffolds can be modulated as 
desired throughout the whole scaffold. Therefore, further investigations should be focused 
on the further development of a scaffold fabrication system that can reproduce controlled 
surface topographies on 3D scaffolds, which are known to elicit a defined cell activity on 2D 
substrates 22. Besides improving the scaffold fabrication system, the choice of a biomaterial 
for the scaffold is limited by the constraints that it should be usable in the selected fabrication 
technique for manufacturing of the scaffolds and it should allow a surface treatment for the 
generation of the desired topography. 
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In the implantation site, cells could be attracted to the scaffold by controlled drug delivery 
through dissolution of a coating layer, after which the scaffold properties could instruct cells 
to form the desired tissue. Alternatively, upon implantation the scaffold can be filled with bone 
marrow or purified bone marrow stem cells from the patient, obtained earlier in the surgical 
theater. An interesting option as a biomaterial for a single operation treatment is SMPs. With 
these materials, minimal invasive surgery can be enabled, thereby reducing the patient’s 
recovery time. An SMP scaffold displaying mechanical properties matching native tissue, as 
determined by a numerical model, can be folded before implantation to minimal dimensions. 
Upon heating to body temperature, the scaffold unfolds and is in place in the implantation 
site. Here, the choice could be to implant the scaffold with or without preconditioned 
tissue grown in-vitro. However, currently available SMPs need to be improved in the case 
of preconditioning the tissue in-vitro. These polymers have not yet fully demonstrated their 
biocompatibility and cell culture remains still a challenge when taking into consideration the 
rapid speed of shape recovery of current chemistries. 

As discussed before, a validated numerical model has to be developed which links tissue 
formation with biophysical loading. In these models a difference between in-vitro and 
in-vivo loading and possibly tissue formation kinetics has to be considered. In terms of 
preconditioning the tissue in a scaffold, it might not be necessary to have already a matured 
tissue in the scaffold upon implantation. As shown in literature for articular cartilage 1, the 
timing in cell differentiation is crucial in obtaining regenerated tissue that closely resembles 
the native tissue properties. Numerical models, therefore, could be instrumental not only 
to design an optimized scaffold for the targeted tissue to regenerate, but also to determine 
the biophysical loading and time window in order to precondition the cells seeded in the 
scaffolds towards the desired differentiation lineage.  
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Recently, a bill was brought forward in the Dutch Parliament to change the organ donation 
registration to an active registration. Through this bill, the hope and expectation are 
that the amount of donors will structurally increase 1. Besides the drawback of the donor 
availability, the potential immunological response from allografts and xenografts are severe 
disadvantages. Autografts could circumvent these disadvantages but the limited quantity and 
donor site morbidity associated with autografts limits their use. A promising alternative to 
donor material is tissue engineering. With tissue engineering cells from the patient are used 
to grow functional tissue, which can be implanted to restore or improve the malfunctioning 
tissue.

For musculoskeletal tissue engineering a scaffold of some sort is desirable. The scaffold 
provides an environment for cells to form tissue and provide temporary mechanical stability 
for the tissue to develop. Therefore, the scaffold has the ability to influence cell behavior 
and subsequently tissue formation, while it is also known that cells respond to biophysical 
loading. In this thesis, the interplay between scaffold properties and cell behavior was 
investigated. In literature, the effect of biophysical loading on cell differentiation and tissue 
formation in a 3D scaffold is often predicted with the aid of finite element analysis. In these 
studies, a 3D strain is used to predict cell differentiation and tissue formation. However, cells 
attached to the scaffold surface do not experience 3D strains but only 2D strains, which are 
shown to be significantly lower than 3D strains (chapter 2). In-silico experiments of imaged 3D 
plotted scaffolds showed a higher degree of cell death with 3D strains compared to 2D strains 
subjected to the same biophysical loading. This line of research was continued in chapter 3, in 
which several scaffold designs were plotted, imaged and subjected to finite element analysis. 
Results showed a significant effect on the stress and strain distribution during biophysical 
loading. Through scaffold design, regions for specific tissue formation could be appointed. 

In conventional in-vitro experiments a bioreactor would be needed for the application of a 
biophysical loading to the cell seeded scaffold. However, a scaffold made of a shape memory 
polymer possesses an intrinsic mechanical stimulus. Chapter 4 shows the feasibility of culturing 
cells on such a scaffold and the potential of shape memory polymers in musculoskeletal tissue 
engineering. Experiments already showed an effect on cell orientation in shape memory 
scaffolds after a one time mechanical stimulus. Besides sustaining biophysical loading, the 
scaffold also initially replaces the local tissue function upon implantation. In chondral and 
osteochondral sites the friction coefficient of the tissue is a very important parameter. 
Common used biomaterials and scaffold designs were tested biologically and tribologically 
for replacing (osteo)chondral defects (chapter 5). The friction coefficient decreased moving 
from P(L/DL)LA to PCL and PEOT/PBT scaffolds. Conversely, the extracellular matrix formation 
increased moving from P(l/DL)LA to PCL and PEOT/PBT scaffolds. The scaffold design had 

1 NOS. Nieuwe orgaandonatiewet: wat, waarom en wanneer? nos.nl, 2016
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a significant influence as the scaffold was not able to support the loading in some designs 
or reduced the friction coefficient in other designs. As seen in chapter 5, the biomaterial in 
the scaffold design had a significant influence on the friction coefficient and cell behavior. 
In chapter 6 two different molecular weights of the biomaterial PCL were used to elucidate 
the effect of molecular weight on cell behavior. By changing the molecular weight, the bulk 
stiffness of the scaffold changed correspondingly, while the chemical structure remained the 
same. Decreasing the molecular weight resulted in a lower stiffness and a stronger tendency 
of hypertrophic chondrogenic differentiation. In chapter 7 general conclusions and future 
perspectives are discussed. Taken together, the results of this thesis shows that scaffold 
design and biophysical loading have a significant influence on cell behavior and can be 
tailored to control stem cell activity and tissue regeneration.
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Samenvatting 

Recentelijk is er een voorstel tot wetswijziging ingediend in de Tweede Kamer om van 
de donor registratie een actieve donor registratie te maken 1. De hoop en verwachting is 
dat door deze wetswijziging het aantal donor registraties structureel toeneemt. Dit toont 
aan hoe belangrijk donormateriaal is en hoe gelimiteerd de beschikbare hoeveelheden 
momenteel zijn. Naast de gelimiteerde hoeveelheden is ook het potentiële gevaar van een 
immunologische reactie van allografts en xenografts een ernstige beperking. Autografts 
hebben dit probleem niet, maar de gelimiteerde hoeveelheid en weefsel afsterving op de 
donor plaats in het lichaam beperken ook het gebruik van autografts. Een veelbelovend 
alternatief om het tekort aan donormateriaal terug te dringen is via weefsel regeneratie. Met 
deze aanpak worden cellen van de patiënt gebruikt om functioneel weefsel te kweken dat 
het niet- of slecht functionerende  weefsel vervangt.

Voor musculoskeletale weefsel regeneratie is een scaffold nodig. Deze scaffold faciliteert 
een mechanish stabiele omgeving waarin cellen functioneel kunnen weefsel vormen. In dat 
opzicht heeft de scaffold de mogelijkheid om cel gedrag, en daarmee ook de vorming van 
weefsel, te beïnvloeden. Daarnaast is het ook bekend dat cellen kunnen worden beïnvloed 
door fysiologische belastingen. In dit proefschrift werd het effect van de biomechanische 
eigenschappen van de scaffold op het gedrag van cellen onderzocht.

In de literatuur wordt het effect van fysiologische belasting op cel differentiatie en weefsel 
vorming in een 3D raamwerk vaak voorspeld met behulp van de eindige elementen methode. 
Bij in de literatuur beschreven onderzoeken werd hiervoor een 3D rek gebruikt om cel 
differentiatie en weefsel vorming te voorspellen. Echter, cellen die aan het oppervlak van een 
3D scaffold zitten zullen geen 3D rek ervaren maar een 2D rek dat significant lager in grootte is 
dan de 3D rek (hoofdstuk 2). In-silico experimenten met een gedigitaliseerd 3D scaffold lieten 
zien dat meer celdood voorspeld wordt bij het gebruik van een 3D rek vergeleken met een 2D 
rek wanneer bij dezelfde fysiologische belasting van de cellen. Deze lijn van onderzoek werd 
voortgezet in hoofdstuk 3 waar verschillende soorten ontwerpen van 3D scaffolds werden 
geplot, gedigitaliseerd en getest met de eindige elementen methode. De resultaten van 
deze studie toonden een significant effect op de rek- en spanning distributie in de 3D scaffold 
bij fysiologische belasting. Door het ontwerp konden regio’s geïdentificeerd worden waar 
specifieke weefsel vorming optrad.

In conventionele in-vitro experimenten zou een bioreactor nodig zijn om een fysiologische 
belasting aan te brengen op een 3D scaffold met cellen. Een 3D scaffold gemaakt van een 
geheugenmateriaal heeft de intrinsieke eigenschap om een mechanische stimulus te kunnen 
geven aan de cellen. Hoofdstuk 4 toonde de haalbaarheid van het kweken van cellen op zo’n 
scaffold en de potentie van geheugenmateriaal in musculoskeletale weefsel regeneratie. 

1 NOS. Nieuwe orgaandonatiewet: wat, waarom en wanneer? nos.nl, 2016
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Experimenten lieten een effect op cel oriëntatie in een scaffold van geheugenmateriaal 
zien na een eenmalige mechanische stimulus. Naast het kunnen dragen van fysiologische 
belastingen moet de scaffold ook initieel de mechanische functie van het lokale weefsel 
vervangen op het moment van implantatie. Bij chondraal en osteochondrale vervanging speelt 
de wrijvingscoëfficiënt van het weefsel een belangrijke rol. Vaak gebruikte biomaterialen en 
scaffold ontwerpen werden biologisch en tribologisch getest voor het vervangen van (osteo)
chondrale defecten (hoofdstuk 5). Scaffolds gemaakt met het biomateriaal P(L\DL)LA hadden 
een hogere wrijvingscoëfficiënt en lage extracellulaire matrix depositie, terwijl scaffolds  
gemaakt met het biomateriaal PCL een lagere wrijvingscoëfficiënt en meer extracellulaire 
matrix depositie hadden.  Scaffolds gemaakt met het biomateriaal PEOT/PBT hadden de 
laagste wrijvingscoëfficiënt en hoogste extracellulaire matrix depositie. Het ontwerp van de 
scaffold had een hoge impact want sommige ontwerpen konden de fysiologische belasting 
niet aan en faalden. Ook had het ontwerp invloed op het reduceren van de wrijvingscoëfficiënt. 
Zoals aangetoond in hoofdstuk 5, had het biomateriaal van de scaffold een significante 
invloed op de wrijvingscoëfficiënt en het cel gedrag. In hoofdstuk 6 werd het biomateriaal 
PCL met twee verschillende ketenlengtes gebruikt om de invloed van moleculair gewicht 
van het biomateriaal op celgedrag te onderzoeken. Door verschillende ketenlengtes te 
gebruiken, werd de bulk stijfheid van het materiaal veranderd terwijl de chemische structuur 
gelijk bleef. Het verlagen van het moleculair gewicht resulteerde in een lagere bulk stijfheid 
en een sterkere neiging tot hypertrofisch chondrale differentiatie van de cellen. In hoofdstuk 
7 werd de algemene conclusie getrokken en de toekomstvisie besproken. Alle hoofdstukken 
bij elkaar toonden aan dat het 3D scaffold ontwerp en fysiologische belasting een significante 
invloed op cel gedrag hebben. Het slim ontwerpen van een 3D scaffold kan stam cel activiteit, 
en daarmee weefsel regeneratie, reguleren.
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groep in Maastricht. Naast Lorenzo had ik de luxe om een tweede voortreffelijke begeleider 
te hebben, Jeroen. Naast het Italiaanse temperament had je jouw Drentse nuchterheid. Je 
hebt een scherp inzicht en ik heb veel van je geleerd, zowel in de master als in mijn onderzoek. 
Ik wens jou ook veel succes in je verdere loopbaan. Natuurlijk wil ik ook Clemens bedanken 
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was altijd erg gezellig met je, succes met de laatste loodjes in Maastricht. Natuurlijk kan ik 
niet eindigen zonder te noemen wie ik op het laatst het kantoor deelde. Ellie, je nuchterheid 
was altijd erg leuk. Vanessa, your scientific knowledge amazed me every time. Nathalie, voor 
een voetballende Belg ben je eigenlijk best okee ;-) And how could I forget about Corina. I’m 
happy that you wanted to be one of my paranymphs.  
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I ever supervised and I learned a lot from it. Andrea, besides the work in the lab, you also 
enjoyed your life in Enschede. I had a great time with you, at work and outside of work. 
Wendy, jij was de enige Nederlandse student die ik heb begeleid. Naast het onderzoek kon 
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Natuurlijk kan ik de Hanze groep niet vergeten, Michiel, Lude, Joost en Koen. Michiel, naast 
oud studiegenoot ben je ook mijn oud huisgenoot. Het eerste wat me te binnen schiet is het 
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bent behoorlijk volwassen, maar ik vergeet nooit je wheelie op de oude markt! Joost, we zijn 
compleet verschillend maar ik kan altijd met je lachen. Koen, tsja Emmenaar ;-)   

En dan hebben we nog de familie. Freek, Bernadette, Maarten en Tim, een paar jaar geleden 
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te komen. Tim, ¿Cómo son las mujeres españolas? Maarten, kom je nog weer thuis? Arnold, 
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goede keus gemaakt met jou. En vanaf vandaag ben je niet meer de enige doctor in de 
familie! Peter, ik ben er trots op dat je mijn paranymph bent. Soms krijg ik verbaasde vragen 
en blikken dat ik met mijn broer op vakantie ga of naar sport/muziek evenementen ga. Ik 
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