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ABSTRACT 
 
In bone tissue engineering, prediction of forces induced to the native bone during normal 

functioning is important in the design, fabrication, and integration of a scaffold with the host. The 

aim of this study was to customize the mechanical properties of a layer-by-layer 3D-printed poly(ɛ-

caprolactone) (PCL) scaffold estimated by finite element (FE) modeling in order to match the 

requirements of the defect, to prevent mechanical failure, and ensure optimal integration with the 

surrounding tissue. Forces and torques induced on the mandibular symphysis during jaw opening 

and closing were predicted by FE modeling. Based on the predicted forces, homogeneous-

structured PCL scaffolds with 3 different void sizes (0.3, 0.6, and 0.9 mm) were designed and 3D-

printed using an extrusion based 3D-bioprinter. In addition, 2 gradient-structured scaffolds were 

designed and 3D-printed. The first gradient scaffold contained 2 regions (0.3 mm and 0.6 mm 

void size in the upper and lower half, respectively), whereas the second gradient scaffold 

contained 3 regions (void sizes of 0.3, 0.6, and 0.9 mm in the upper, middle and lower third, 

respectively). Scaffolds were tested for their compressive and tensile strength in the upper and 

lower halves. The actual void size of the homogeneous scaffolds with designed void size of 0.3, 

0.6, and 0.9 mm was 0.20, 0.59, and 0.95 mm, respectively. FE modeling showed that during 

opening and closing of the jaw, the highest force induced on the symphysis was a compressive 

force in the transverse direction. The compressive force was induced throughout the symphyseal 

line and reduced from top (362.5 N, compressive force) to bottom (107.5 N, tensile force) of the 

symphysis. Compressive and tensile strength of homogeneous scaffolds decreased by 1.4-fold 

to 3-fold with increasing scaffold void size. Both gradient scaffolds had higher compressive 

strength in the upper half (2 region-gradient scaffold: 4.9 MPa; 3 region-gradient scaffold: 4.1 

MPa) compared with the lower half (2 region-gradient scaffold: 2.5 MPa; 3 region-gradient 

scaffold: 2.7 MPa) of the scaffold. 3D-printed PCL scaffolds had higher compressive strength in 

the scaffold layer-by-layer building direction compared with the side direction, and a very low 

tensile strength in the scaffold layer-by-layer building direction. Fluid shear stress and fluid 

pressure distribution in the gradient scaffolds were more homogeneous than in the 0.3 mm void 

size scaffold and similar to the 0.6 mm and 0.9 mm void size scaffolds. In conclusion, these data 

show that the mechanical properties of 3D-printed PCL scaffolds can be tailored based on the 

predicted forces on the mandibular symphysis. These 3D-printed PCL scaffolds had different 

mechanical properties in scaffold building direction compared with the side direction, which should 

be taken into account when placing the scaffold in the defect site. Our findings might have 

implications for improved performance and integration of scaffolds with native tissue. 
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INTRODUCTION 
 
Mandibular bone defects can result from injury due to facial trauma, infection, tumor resection, or 

flawed developmental processes. Current treatment for these defects comprises autologous bone 

graft (autograft) or microvascular free flaps [1]. However, autografts are associated with several 

disadvantages such as limited supply, need for multiple surgeries, and donor side morbidity [2]. 

In an attempt to overcome these limitations, tissue engineering, i.e. the design and fabrication of 

tissue equivalents for restoration of diseased or lost tissues, has emerged since the 1980s [3]. In 

bone tissue engineering, the scaffold used plays a critical role in the formation of the new bone. 

The scaffold should have certain properties, i.e. it should be biocompatible, osteoconductive, 

osteoinductive, biodegradable with a degradation rate proportional to new bone formation, and its 

mechanical properties should match the mechanical properties of the surrounding bone [4]. 

Poly(ɛ-caprolactone) (PCL) is a biodegradable polymer in the family of poly(α-hydroxy 

esters) that has already been approved by the US Food and Drug Administration [5]. It is the most 

widely used polymer for 3D-printing of scaffolds, since it has low melting temperature (58 – 65°C) 

and low glass transition temperature (-60 – -65°C), which makes it easy to process in contrast to 

other polyesters such as poly-L-lactic acid (PLLA, melting point: 170 – 200°C, glass transition 

temperature: 55 – 65°C ) and polyglycolic acid (PGA, melting point: 220 – 233°C, glass transition 

temperature: 35 – 45°C)  [6-8]. 3D-printing is a promising technology for fabrication of scaffolds 

with defined internal strusture and various geometries. Large mandibular and maxillary PCL bone 

scaffolds have been 3D-printed that replicate fine details extracted from patient’s computed 

tomography scans [9]. PCL scaffolds have also been used in combination with calcium 

phosphates such as hydroxyapatite and tri-calcium phosphate to improve their mechanical 

properties as well as to induce osteogenic differentiation of cells [10-12]. 

The mechanical strength of a bone tissue engineering scaffold is highly important. If the 

strength of the scaffold is less than that of the surrounding bone, the scaffold will probably fail 

before it is replaced by ingrowing bone. On the other hand, if the mechanical strength of the 

scaffold is higher than that of the surrounding bone,  stress shielding will occur [13]. Stress 

shielding prevents the bone from being exposed to normal levels of mechanical loading. This 

leads to bone resorption and lack of bone ingrowth into the scaffold [13,14]. Mechanical properties 

of scaffolds can be controlled by the scaffold material as well as scaffold micro-structure. 

Customized mandibular shaped scaffolds from acrylic resin and glass fiber reinforced composites 

have been 3D-printed with stiffness close to human mandible [15]. Mechanical and microstructural 
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properties of 3D-printed PCL scaffolds with different porous architectures have been studied by 

others [16]. 

The mandible is a unique structure since it supports several delicate functions in 

mastication and speech [1]. When designing a scaffold for the reconstruction of a mandibular 

bone defect, the type and magnitude of the forces induced on the defect site during normal 

functioning should be taken into consideration. Ingrowth of bone into the scaffold can occur more 

effectively if the mechanical properties throughout the scaffold match those of the surrounding 

bone. Ingrowth of bone into the scaffold leads to biological fixation of the scaffold in the defect 

site which in turn plays a critical role in the formation of new bone in the defect site [17].  

Gradients can be found in the body tissues such as bone, in the form of physical and/or 

biochemical inhomogeneities. Long bones contain structural gradient in a radial direction and flat 

bones contain structural gradient in an axial direction, providing a variation in bone density [18].  

Melt extrusion-based 3D-printing, a type of additive manufacturing (AM) is an attractive vehicle 

for the fabrication of tissue engineering scaffolds incorporating architectural and compositional 

gradients with high precision and reproducibility [19,20].  

The aim of the present study was to customize the mechanical properties of the scaffold 

based on the forces induced on the mandibular symphysis during normal functioning. We used  a 

previously developed model [21] to predict the forces and torques induced on the mandibular 

symphysis during opening and closing of the jaw. According to the modeling results, PCL 

scaffolds with uniform or varying mechanical properties were designed and 3D-printed. 

Compression and tensile strength of the scaffolds were measured in different parts of the scaffold 

and in different directions in order to evaluate their compatibility with the modeling results. 

 

 

MATERIALS AND METHODS 
 

The dynamic biomechanical model of the human masticatory system 
A three-dimensional biomechanical model of the human masticatory system was constructed 

using MADYMO 7.4.2 (TASS International, Helmond, The Netherlands). It contains the skull and 

the mandible, which articulated at two six degree-of-freedom temporomandibular joints. Twelve 

pairs of Hill-type muscles are able to move the mandible with respect to the skull (Fig. 1a). Muscle 

attachment, maximum force, fiber length, and sarcomere length (for a complete overview see: 

Koolstra and van Eijden, 2005 [21]) had been obtained from eight human cadavers. The 

contractile characteristics had been shaped according to van Ruijven and Weijs 1990 [22]. To 
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generate a symphyseal region, the reconstructed mandible was split midsagittally (details 

provided in Supplementary information; [23-25]). 
 

Simulations 
From a closed jaw position, jaw open-close cycles were simulated. Jaw-opening started with 

activation of the jaw-opening muscles simultaneously. Then they were deactivated with a 

simultaneous activation of the jaw-closing muscles [21]. Activation and deactivation of the 

muscles included ramps of 45 ms and 75 ms, respectively, to incorporate activation dynamics 

[26]. All activation patterns were symmetrical. To obtain a maximum possible jaw opening (30 mm 

inter-incisal distance, 23 degrees jaw angle) the jaw openers were activated to 100% of their 

capacity. A jaw-closer activation of 10% was sufficient to close the jaw about as fast as it had 

been opened. Output predictions included tri-axial forces and torques passing the symphysis that 

were time-related dynamic measurements. 

To calculate the force induced on any point around the symphysis during jaw opening and 

closing, forces and torques in the relevant directions were summed and the net compressive or 

tensile force was calculated. We calculated the transverse force induced on top-to-bottom of a 

cubic rectangular (1×1×2 cm; length×width×height) scaffold in the symphysis by summing the 

force along the transverse y-axis and torque around the anteroposterior x-axis. 

 

Scaffold design and fabrication 

Cubic rectangular scaffolds (1×1×2 cm) with 5 different internal structures were designed using 

BioCADTM software (RegenHU, Villaz-St-Pierre, Switzerland). Three designs had a homogeneous 

internal structure and two designs had a gradient internal structure. In the homogeneous designs, 

the distance between two PCL struts (void size) was 0.3, 0.6, or 0.9 mm. In the first gradient 

design, the void size was 0.3 mm in the upper half and 0.6 mm in the lower half of the scaffold. In 

the second gradient design, the void size was 0.3 mm in the upper third, 0.6 mm in the middle 

third, and 0.9 mm in the lower third of the scaffold (Fig. 1b). The gradient designs were based on 

the modeled forces on the  mandibular symphysis during a cycle of jaw opening and closing. A 

3D-Discovery® bioprinter (RegenHU, Villaz-St-Pierre, Switzerland) was used to print the 

scaffolds. All scaffolds were printed using the HM-300H thermos polymer extruder (RegenHU) at 

25 revs/meter, equipped with a needle with an inner diameter of 300 µm. Medical grade PCL 

(Purasorb, Purac Biomaterials, The Netherlands) was melted at 85°C in a heating tank. The PCL 

was extruded through the pre-heated needle at 0.2 MPa (2 Bar), and the struts of PCL were 

plotted layer-by-layer on the platform until the desired height was achieved (Fig. 1c). The 
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microstructure of homogeneous and gradient-structured scaffolds was visualized using a Nikon 

SMZ-10 stereo microscope (Nikon, Tokyo, Japan). 
 

 
Figure 1. Experimental set up. (a) The three-dimensional dynamic biomechanical model of the human masticatory 

system. Lines, active muscles. (b) Schematic illustration of homogenous and gradient-structured scaffolds. Void size: 

0.3 mm (white), 0.6 mm (light gray), and 0.9 mm (dark gray). (c) Scaffold dimension and building direction. (d) 

Schematic illustration of the scaffold design for the tensile test. In this design, two extra pieces were added to the body 

of the scaffold so that the grips of the universal testing machine could catch the scaffold and stretch it. (e) Original 

images and direction of compressive and tensile tests on scaffolds. Compressive and tensile strength of the scaffolds 

were measured in two directions: the direction that the scaffold was built (building direction, x) and the direction 

perpendicular to the building direction (side direction, y). Compressive and tensile strength of the gradient scaffolds 

were measured in the upper half and in the lower half of the scaffold separately. 

 

Mechanical testing 
Scaffolds (1×1×2 cm) were tested for their compressive and tensile strength using a universal 

testing machine (Instron 6022, Instron Limited, High Wycombe, UK). For the tensile test, a 

separate model for 3D-printing of the scaffold was designed. In this scaffold design, two extra 

pieces were added to the body of the scaffold so that the grips of the universal testing machine 

could catch the scaffold and stretch it (Fig. 1d). For all scaffold types, compressive and tensile 
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strength were measured in two directions. First in the direction that the scaffold was built (building 

direction, x) and second in the direction perpendicular to the building direction (side direction, y; 

Fig. 1e). Compressive and tensile strength of the gradient scaffolds were measured in the upper 

half and in the lower half of the scaffold separately. Therefore, the scaffold was placed on the 

universal testing machine platform horizontally, either the side of the building direction or the side 

direction facing up, while the load cell was in contact with 1 cm × 1cm area of the scaffold (half of 

the scaffold) and therefore, the load was applied only to half of the scaffold (Fig. 1e). The cross 

sectional area was measured using a caliper prior to mechanical testing. A 1 kN load cell was 

used at a cross head speed of 1 mm/min for the compression test and 0.3 mm/min for the tensile 

test. Values of load F (N) and time (s) were recorded. Stress values (MPa) were determined by 

dividing the load (N) by the cross sectional area of each specimen (mm2). Strain values were 

determined by dividing displacement values (mm) by the initial height of the specimen. Stress-

strain curves were plotted and compressive strength was determined by 1% offset of the first 

linear section. Compressive and tensile modulus were determined as the slope of the first linear 

region of the stress-strain curves. 

 

Computational fluid dynamics model 
A finite element model was used to assess the influence of interstitial fluid flow on fluid shear 

stress and fluid pressure inside the homogeneous and gradient-structured scaffolds. The 

modeling was performed in a 3D-scaffold measuring 1×1×2 cm (length×width×height; total 

volume, 2 cm3; Fig. 2a). Structured volume mesh with a total number of 1988304 elements 

(number of tetrahedral elements: 336802; prism elements: 232022; triangle elements: 139276; 

edge elements: 32218), an element volume ratio of 4.106×10-4, and  mesh volume of 1130 mm3 

was used to accurately calculate the FE model (Fig. 2b). The magnitude of the inlet flow rate was 

2 𝜇𝜇𝜇𝜇m/s, which was measured as fluid flow in the tissue interstitium [27, 28]. 
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Figure 2. Schematic illustration of a 3D-printed cubic scaffold measuring 1×1×2 cm (length×width×height; 700 m 

diameter strands, total scaffold volume 2 cm3) with homogeneous void sizes (0.3 mm, 0.6 mm, and 0.9 mm) and 

gradient void sizes (0.3-0.6 mm and 0.3-0.6-0.9 mm) used to simulate fluid shear stress and fluid pressure on the 

strands surface. (a) Structure of the scaffold showing the outer surface of the strands inside the 3D-printed scaffold as 

well as front, back, top, and bottom side of the scaffold. (b) Simulation volume, mesh, and boundary conditions (inlet 

fluid flow and outlet zero static pressure) applied in the finite element model. 

 

Mathematical equations 
To simulate the fluid flow inside the scaffolds, the following assumptions and boundary conditions 

were made. The fluid flow approaches the scaffolds from the top and front surfaces of the 

scaffolds (Fig. 2a). The fluid flow inside the scaffolds was considered as incompressible and 

homogeneous Newtonian fluid, with a dynamic viscosity of µ= 0.89 mPa.s and a density of ρ= 

990 kg/m. The culture medium specifications, such as viscosity and temperature, were assumed 

to be constant during the modeling. The average pressure at the outlet surfaces (bottom and 

back) of the scaffolds was set to zero, and no-slip boundary condition was applied to the inner 

surface of the scaffolds (Fig. 2b). The scaffolds were assumed solid, which is incompressible and 

impermeable to the fluid, and the strands topography was considered constant during the FE 

modeling. 

 

Laminar fluid flow equations 
The governing equations applied for FE modeling of the fluid flow inside the scaffolds were the 

momentum (equation 1) and continuity (equation 2) equations, which considered momentum and 

mass, respectively [29]: 
𝜌𝜌𝜌𝜌𝜌𝜌𝜌𝜌𝑢𝑢𝑢𝑢𝑖𝑖𝑖𝑖
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strength were measured in two directions. First in the direction that the scaffold was built (building 

direction, x) and second in the direction perpendicular to the building direction (side direction, y; 

Fig. 1e). Compressive and tensile strength of the gradient scaffolds were measured in the upper 
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Computational fluid dynamics model 
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2 𝜇𝜇𝜇𝜇m/s, which was measured as fluid flow in the tissue interstitium [27, 28]. 
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Figure 2. Schematic illustration of a 3D-printed cubic scaffold measuring 1×1×2 cm (length×width×height; 700 m 
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well as front, back, top, and bottom side of the scaffold. (b) Simulation volume, mesh, and boundary conditions (inlet 

fluid flow and outlet zero static pressure) applied in the finite element model. 
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where ui is the flow velocity field, ρ is fluid density, p is pressure, and µ is dynamic viscosity. 

Solving the fluid flow governing equations numerically yielded the fluid velocity. From the fluid 

velocity information, the viscous stress tensor 𝜏𝜏𝜏𝜏 was attained by using the following constitutive 

relation for a Newtonian fluid: 

𝜏𝜏𝜏𝜏 = 𝜇𝜇𝜇𝜇(𝜕𝜕𝜕𝜕𝑢𝑢𝑢𝑢𝑖𝑖𝑖𝑖𝜕𝜕𝜕𝜕𝑥𝑥𝑥𝑥𝑗𝑗𝑗𝑗
+ 𝜕𝜕𝜕𝜕𝑢𝑢𝑢𝑢𝑗𝑗𝑗𝑗

𝜕𝜕𝜕𝜕𝑥𝑥𝑥𝑥𝑖𝑖𝑖𝑖
) (3) 

where xi and xj are the spatial coordinates (j≠j). 
 
Statistical analysis 

Data are expressed as mean ± standard deviation (SD). Differences in mean values were 

analyzed by one-way ANOVA with Tukey’s multiple comparison test using GraphPad Prism® 7.0 

(GraphPad Software Inc., La Jolla, CA, USA). Differences were considered significant if p<0.05. 

 

 

RESULTS 
 
Modeling 
The predicted jaw movements had similar characteristics as observed habitually [30]. Jaw 

opening began in the midline. The mandibular condyles moved forward as the jaw-opening 

muscles opened the jaw in about 50 ms and moved backwards over the articular eminence during 

the jaw closing. Maximum opening was followed by fast closure of the jaw. 

The conventions used to express symphyseal forces and torques are illustrated in Fig. 3. 

During jaw opening, the symphysis underwent compression by 119.7 N along its transverse y-

axis. Compression along the anteroposterior x-axis and superoinferior z-axis were negligible (Fig. 

3a). When the jaw reached maximum opening, the compressive force along the transverse y-axis 

reached 127.5 N and then decreased during jaw closing. 

The highest torque was around the z-axis (6.36 N.m) at the maximum jaw opening (Fig. 

3b). Torque around the x-axis was 2.35 N.m at the maximum jaw opening. Torque around the y-

axis was negligible. Summing the force along the transverse y-axis (127.5 N) with the force 

resulting from the torque around the anteroposterior x-axis (235 N) during a cycle of jaw opening 

and closing, resulted in a transverse compressive force of 362.5 N that was induced on the upper 

rim of the 1×1×2 cm scaffold in the symphysis (equation 4): 
total transverse force in the upper rim of the scaffold = force along the y-axis + torque around the x-axis 

= 127.5 + 235 = 362.5 N (compressive)        (4) 
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Figure 3. Tri-axial symphyseal forces and torques during a cycle of jaw opening and closing expressed in time. (a) The 

conventions used to express symphyseal forces are demonstrated. During a cycle of jaw opening and closing, the force 

on symphysis along the anteroposterior x-axis (scaffold building direction) and superoinferior z-axis was negligible. The 

force on symphysis in the transverse y direction (scaffold transverse direction) reached 127.5 N at maximum jaw 

opening. (b) The conventions used to express symphyseal torques are demonstrated. A maximum torque of 6.36 N.m 

around the z-axis and 2.35 N.m around the x-axis was induced on the symphysis. Torque around the y-axis was 

negligible. (c) Schematic illustration of the modeled forces on a scaffold (1×1×2 cm) in the symphysis during a cycle of 

jaw opening and closing. 
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Figure 3. Tri-axial symphyseal forces and torques during a cycle of jaw opening and closing expressed in time. (a) The 

conventions used to express symphyseal forces are demonstrated. During a cycle of jaw opening and closing, the force 

on symphysis along the anteroposterior x-axis (scaffold building direction) and superoinferior z-axis was negligible. The 

force on symphysis in the transverse y direction (scaffold transverse direction) reached 127.5 N at maximum jaw 

opening. (b) The conventions used to express symphyseal torques are demonstrated. A maximum torque of 6.36 N.m 

around the z-axis and 2.35 N.m around the x-axis was induced on the symphysis. Torque around the y-axis was 

negligible. (c) Schematic illustration of the modeled forces on a scaffold (1×1×2 cm) in the symphysis during a cycle of 

jaw opening and closing. 
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This compressive force gradually decreased from top-to-bottom of the scaffold until it reached 

zero, and then it transformed into a tensile force of 107.5 N  in the lower rim of the scaffold 

(equation 5, Fig. 3c): 
total transverse force in the lower rim of the scaffold = force along the y-axis + torque around the x-axis 

= 127.5 + (-235) = -107.5 N (tensile).        (5) 

 

Microstructure of homogeneous and gradient scaffolds 
The diameter of PCL struts in all scaffolds was 0.71 ± 0.05 mm (mean ± SD; Fig. 4a, Table 1). 

PCL scaffolds with designed void size of 0.3 mm, 0.6 mm or 0.9 mm had actual void size of 0.20 

± 0.03 mm, 0.59 ± 0.01 mm, or 0.95 ± 0.05 mm respectively (Table 1). The first gradient scaffold 

had void size of 0.23 ± 0.02 mm in the upper half and 0.59 ± 0.01 mm in the lower half. The 

second gradient scaffold, had void size of 0.21 ± 0.01 mm in the upper third,  0.6 ± 0.02 mm in 

the middle third, and 0.97 ± 0.03 mm in the lower third (Fig. 4b; Table 1). 
 
Table 1. Designed and actual void size and strut diameter of 3D-printed homogeneous and gradient scaffolds (mean 

± SD, n=5). The void size was significantly different between scaffold groups (one-way ANOVA with Tukey’s multiple 

comparison test, n=5, p<0.05). Strut diameter was not significantly different between the scaffold groups. 

scaffold designed void size (mm) actual void size (mm) strut diameter (mm) 

0.3 0.20 ± 0.03 0.73 ± 0.05 

0.6 0.59 ± 0.01 0.70 ± 0.05 

0.9 0.95 ± 0.05 0.71 ± 0.04 

 

0.3-0.6 
0.23 ± 0.02 

0.59 ± 0.01 

0.70 ± 0.03 

0.70 ± 0.05 
 

 

0.3-0.6-0.9 

0.21 ± 0.01 

0.60 ± 0.02 

0.97 ± 0.03 

0.72 ± 0.05 

0.69 ± 0.04 

0.69 ± 0.05 
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Figure 4. Internal structure of scaffolds. The diameter of PCL struts in all scaffolds was 0.71 ± 0.05 mm. The first 

gradient scaffold had void size of 0.23 ± 0.015 mm in the upper half and 0.59 ± 0.01 mm in the lower half. The second 

gradient scaffold, had void size of 0.21 ± 0.01 mm in the upper third,  0.60 ± 0.02 mm in the middle third, and 0.97 ± 

0.03 mm in the lower third. Scale bar, 500 µm. 

 

Mechanical properties 
The trend of the stress-strain curve of scaffolds was different in the building direction compared 

with the side direction (Fig. 5). When compressed in the building direction, scaffolds behaved 

elastically in the initial linear region and then reached a plateau stage of roughly constant or 

slightly increasing stress. When compressed in the side direction, scaffolds exhibited a distinctive 

yield point after the initial elastic region and then collapsed resulting in sharp decrease in stress 

values. 
 



64 

This compressive force gradually decreased from top-to-bottom of the scaffold until it reached 

zero, and then it transformed into a tensile force of 107.5 N  in the lower rim of the scaffold 

(equation 5, Fig. 3c): 
total transverse force in the lower rim of the scaffold = force along the y-axis + torque around the x-axis 

= 127.5 + (-235) = -107.5 N (tensile).        (5) 

 

Microstructure of homogeneous and gradient scaffolds 
The diameter of PCL struts in all scaffolds was 0.71 ± 0.05 mm (mean ± SD; Fig. 4a, Table 1). 

PCL scaffolds with designed void size of 0.3 mm, 0.6 mm or 0.9 mm had actual void size of 0.20 

± 0.03 mm, 0.59 ± 0.01 mm, or 0.95 ± 0.05 mm respectively (Table 1). The first gradient scaffold 

had void size of 0.23 ± 0.02 mm in the upper half and 0.59 ± 0.01 mm in the lower half. The 

second gradient scaffold, had void size of 0.21 ± 0.01 mm in the upper third,  0.6 ± 0.02 mm in 

the middle third, and 0.97 ± 0.03 mm in the lower third (Fig. 4b; Table 1). 
 
Table 1. Designed and actual void size and strut diameter of 3D-printed homogeneous and gradient scaffolds (mean 

± SD, n=5). The void size was significantly different between scaffold groups (one-way ANOVA with Tukey’s multiple 

comparison test, n=5, p<0.05). Strut diameter was not significantly different between the scaffold groups. 

scaffold designed void size (mm) actual void size (mm) strut diameter (mm) 

0.3 0.20 ± 0.03 0.73 ± 0.05 

0.6 0.59 ± 0.01 0.70 ± 0.05 

0.9 0.95 ± 0.05 0.71 ± 0.04 

 

0.3-0.6 
0.23 ± 0.02 

0.59 ± 0.01 

0.70 ± 0.03 

0.70 ± 0.05 
 

 

0.3-0.6-0.9 

0.21 ± 0.01 

0.60 ± 0.02 

0.97 ± 0.03 

0.72 ± 0.05 

0.69 ± 0.04 

0.69 ± 0.05 
 

65 

 

Figure 4. Internal structure of scaffolds. The diameter of PCL struts in all scaffolds was 0.71 ± 0.05 mm. The first 
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Mechanical properties 
The trend of the stress-strain curve of scaffolds was different in the building direction compared 

with the side direction (Fig. 5). When compressed in the building direction, scaffolds behaved 

elastically in the initial linear region and then reached a plateau stage of roughly constant or 

slightly increasing stress. When compressed in the side direction, scaffolds exhibited a distinctive 

yield point after the initial elastic region and then collapsed resulting in sharp decrease in stress 

values. 
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Figure 5. Stress-strain curves of homogeneous and gradient scaffolds in the building and the side directions. When 

compressed in the building direction, scaffolds behaved elastically in the initial linear region and then reached a plateau 

stage of roughly constant or slightly increasing stress. When compressed in the side direction, scaffolds exhibited a 

distinctive yield point after the initial elastic region and then collapsed resulting in sharp decrease in stress values. 

 

Compressive strength of all scaffold types was higher in the building direction compared 

with the side direction (Fig. 6). Compressive strength of the homogeneous scaffolds decreased 

with increasing scaffold void size (Fig. 6a). Compressive strength of the gradient scaffolds was 

higher in the upper half compared with the lower half of the scaffold (2 region-gradient scaffold: 

2-fold higher; 3 region-gradient scaffold: 1.5-fold higher; Fig. 6b). Compressive strength of the 2 

region-gradient scaffold was higher compared with the 3 region-gradient scaffold (Fig. 6b). 

Compressive modulus of the homogeneous scaffolds decreased with increasing scaffold void size 

(Fig. 6c). Compressive modulus was not significantly different between the two gradient scaffolds 

(Fig. 6c). 
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Figure 6. Compressive strength and modulus of the 3D-printed PCL scaffolds. (a) Compressive strength of the 

homogeneous scaffolds in the building and side direction. Scaffolds had higher compressive strength in the building 

direction compared with the side direction. Compressive strength of the scaffolds decreased with increasing scaffold 

void size. *Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. (b) Compressive strength of 

the gradient scaffolds in the building and side direction. Compressive strength of the gradient scaffolds was higher in 

the upper half compared with the lower half of the scaffold. Compressive strength of the 0.3-0.6 gradient scaffold in the 

building direction was higher compared with the 0.3-0.6-0.9 gradient scaffold. *Significantly different from 0.3-0.6 

gradient scaffold, p<0.05, #Significantly different from the upper half, p<0.05. (c) Compressive modulus of the 

homogeneous and the gradient scaffolds. Compressive modulus of the homogeneous scaffolds decreased with 

increasing scaffold void size. Compressive modulus was not significantly different between the two gradient scaffolds. 

*Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. 

 

All scaffold types had significantly low tensile strength in scaffold layer-by-layer building 

direction (data not shown). Tensile strength of the homogeneous scaffolds decreased with 

increasing scaffold void size (Fig. 7a). Tensile strength of the 2 region-gradient scaffold was 

higher compared with the 3 region-gradient scaffold (Fig. 7b). Tensile modulus of the 

homogeneous scaffolds decreased with increasing scaffold void size (Fig. 7c). Tensile modulus 

was not significantly different between the two gradient scaffolds (Fig. 7c). The shape of the 

scaffolds was distorted, but no visible change in the shape or size of the voids was observed in 

the scaffolds after mechanical testing. 

 



66 
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scaffolds was distorted, but no visible change in the shape or size of the voids was observed in 

the scaffolds after mechanical testing. 
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Figure 7. Tensile strength and modulus of the 3D-printed PCL scaffolds. (a) Tensile strength of the homogeneous 

scaffolds in the side direction. Tensile strength of the scaffolds decreased with increasing scaffold void size. 

*Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. (b) Tensile strength of the gradient 

scaffolds in the side direction. Tensile strength of the gradient scaffolds was higher in the upper half compared with the 

lower half of the scaffold. Tensile strength of the 0.3-0.6 gradient scaffold was higher compared with the 0.3-0.6-0.9 

gradient scaffold. *Significantly different from 0.3-0.6 gradient scaffold, p<0.05, #Significantly different from the upper 

half, p<0.05. (c) Tensile modulus of the homogeneous and the gradient scaffolds. Tensile modulus of the homogeneous 

scaffolds decreased with increasing scaffold void size. Tensile modulus was not significantly different between the two 

gradient scaffolds. *Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. 

 

FE analysis of fluid flow inside the homogeneous and gradient scaffolds 
Fluid shear stress and fluid pressure distribution and magnitude as a result of fluid flow inside the 

3D-printed PCL scaffolds with varying void sizes (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 0.3-

0.6-0.9 mm) were simulated using FE modeling during 60 min. For the homogeneous-structured 

scaffolds, fluid shear stress magnitude on the scaffold struts decreased with increasing scaffold 

void size (Fig. 8a). Fluid shear stress was rather homogeneous in all scaffolds except in the 0.3 

mm void size scaffold. Fluid shear stress on the front side of the gradient-structured scaffolds was 

slightly lower in the upper half compared with the lower half of the scaffold, while it was 

homogeneous on the back side. Average fluid shear stress in the 0.3 mm void size scaffold  was 

higher (0.57 mPa) than in the other scaffolds (0.3-0.6 mm: 0.035 mPa; 0.3-0.6-.0.9 mm: 0.034 

mPa; 0.6 mm: 0.33 mPa; 0.9 mm: 0.30 mPa; Fig. 8b). Maximum fluid shear stress in the 0.3 mm 

void size scaffold was higher (1.13 mPa) than in the other scaffolds (0.3-0.6 mm: 0.77 mPa; 

0.3-0.6-0.9 mm: 0.72 mPa; 0.6 mm: 0.62 mPa; 0.9 mm: 0.58 mPa; Fig. 8b). FE modeling of fluid 
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Figure 8. Finite element modeling of fluid shear stress distribution and magnitude as a result of fluid flow inside the 3D-

printed PCL scaffolds with different void size (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 0.3-0.6-0.9 mm). (a) 3D, front, 

back, top, and bottom view of fluid shear stress distribution and magnitude on the strands surface as a result of inlet 

fluid flow inside the 3D-printed scaffolds. For the homogeneous-structured scaffolds, fluid shear stress magnitude on 

the scaffold struts decreased with increasing scaffold void size. Fluid shear stress was rather homogeneous in all 

scaffolds except in the 0.3 mm void size scaffold. Fluid shear stress on the front side of the gradient-structured scaffolds 

was slightly lower in the upper half compared with the lower half of the scaffold while it was homogeneous on the back 

side. (b) Average and maximum fluid shear stress in the 0.3 mm void size scaffold were higher than in the other 

scaffolds. 

 

pressure as a result of varying void sizes of scaffolds (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 

0.3-0.6-0.9 mm) revealed that fluid pressure magnitude decreased with increasing scaffold void 

size (Fig. 9a). Fluid pressure magnitude was more homogenous in scaffolds with higher void size 

compared to lower void size. Fluid pressure was higher in the upper half compared with the lower 

half of the scaffolds for both the homogenous and gradient-structured scaffolds. Average and 

maximum fluid pressure were highest in the 0.3 mm void size scaffold and lowest in the 0.9 mm 
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Figure 7. Tensile strength and modulus of the 3D-printed PCL scaffolds. (a) Tensile strength of the homogeneous 

scaffolds in the side direction. Tensile strength of the scaffolds decreased with increasing scaffold void size. 

*Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. (b) Tensile strength of the gradient 

scaffolds in the side direction. Tensile strength of the gradient scaffolds was higher in the upper half compared with the 

lower half of the scaffold. Tensile strength of the 0.3-0.6 gradient scaffold was higher compared with the 0.3-0.6-0.9 

gradient scaffold. *Significantly different from 0.3-0.6 gradient scaffold, p<0.05, #Significantly different from the upper 
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gradient scaffolds. *Significantly different from 0.3, p<0.05, #Significantly different from 0.6, p<0.05. 
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Figure 8. Finite element modeling of fluid shear stress distribution and magnitude as a result of fluid flow inside the 3D-

printed PCL scaffolds with different void size (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 0.3-0.6-0.9 mm). (a) 3D, front, 

back, top, and bottom view of fluid shear stress distribution and magnitude on the strands surface as a result of inlet 

fluid flow inside the 3D-printed scaffolds. For the homogeneous-structured scaffolds, fluid shear stress magnitude on 

the scaffold struts decreased with increasing scaffold void size. Fluid shear stress was rather homogeneous in all 

scaffolds except in the 0.3 mm void size scaffold. Fluid shear stress on the front side of the gradient-structured scaffolds 

was slightly lower in the upper half compared with the lower half of the scaffold while it was homogeneous on the back 

side. (b) Average and maximum fluid shear stress in the 0.3 mm void size scaffold were higher than in the other 

scaffolds. 

 

pressure as a result of varying void sizes of scaffolds (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 

0.3-0.6-0.9 mm) revealed that fluid pressure magnitude decreased with increasing scaffold void 

size (Fig. 9a). Fluid pressure magnitude was more homogenous in scaffolds with higher void size 

compared to lower void size. Fluid pressure was higher in the upper half compared with the lower 

half of the scaffolds for both the homogenous and gradient-structured scaffolds. Average and 

maximum fluid pressure were highest in the 0.3 mm void size scaffold and lowest in the 0.9 mm 
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void size scaffold (Fig. 9b). Average and maximum fluid pressure in the 0.3-0.6 gradient scaffold 

were higher than in the 0.6 homogeneous scaffold, and the 0.3-0.6-0.9 gradient scaffold was 

similar to the 0.6 homogeneous scaffold. 
 

 

 

 

 
Figure 9. Finite element modeling of fluid pressure distribution and magnitude as a result of fluid flow inside the 3D-

printed PCL scaffolds with different void size (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 0.3-0.6-0.9 mm). (a) 3D, front, 

back, top, and bottom view of fluid pressure distribution and magnitude on the strands surface as a result of inlet fluid 

flow inside the 3D-printed scaffolds. For the homogeneous-structured scaffolds, fluid pressure magnitude decreased 

with increasing scaffold void size. Fluid pressure magnitude was more homogenous at higher void size compared to 

lower void size scaffolds. Fluid pressure was higher in the upper half compared with the lower half of the scaffolds for 

both the homogenous and gradient scaffolds. (b) Average and maximum fluid pressure was highest in the 0.3 mm void 

size scaffold and lowest in the 0.9 mm void size scaffold. Average and maximum fluid pressure in the 0.3-0.6 gradient 

scaffold were higher than in the 0.6 homogeneous scaffold, and the 0.3-0.6-0.9 gradient scaffold was similar to the 0.6 

homogeneous scaffold. 
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DISCUSSION 
 
In the case of bone loss that requires replacement by a scaffold, understanding the force regime 

on the defect site can help the design and fabrication of the proper scaffold [14]. It is highly 

important that the mechanical properties of bone tissue engineering scaffolds are proportional to 

the forces exerted on the defect site during normal functions, since a mismatch of the mechanical 

properties can result in scaffold failure [31]. In this study, we predicted the forces induced on the 

mandibular symphysis during opening and closing of the jaw and developed homogeneous and 

gradient-structured scaffolds accordingly. We found that (i) during opening and closing of the jaw, 

the highest force on the symphysis was along the transverse y-axis, while forces along the 

anteroposterior x-axis and superoinferior z-axis were negligible, (ii) during opening of the jaw, the 

upper parts of the symphysis experienced more compression compared with the lower parts, (iii) 

during opening of the jaw, a small tensile force was induced to the lower parts of the symphysis 

in the transverse direction, (iv) compressive and tensile strength of the 3D-printed homogeneous 

PCL scaffolds decreased with increasing scaffold void size, (v) both gradient scaffolds had higher 

compressive strength in the upper half compared with the lower half of the scaffold, (vi) 3D-printed 

PCL scaffolds had higher compressive strength in scaffold layer-by-layer building direction 

compared with the side direction, (vii) 3D-printed PCL scaffolds had a very low tensile strength in 

scaffold layer-by-layer building direction, (viii) fluid shear stress and fluid pressure distribution in 

the gradient scaffolds were more homogeneous than in the 0.3 mm void size scaffold and similar 

to the 0.6 mm and 0.9 mm void size scaffolds. 

Our finite element modeling results showed that during opening and closing of the jaw, 

the highest force induced to the symphysis was in the transverse (y) direction. Additionally, using 

our model we found that during jaw opening, a compressive force was induced throughout the 

symphyseal line that reduced from top-to-bottom, while a small tensile force was induced only to 

the lower parts of the symphysis. This is in agreement with data by others who showed that in a 

dynamic pig jaw model, the highest force on the symphysis is in the transverse direction during 

jaw opening [32]. However, these  results are  only related to the function of jaw opening and 

closing, and it can be expected that during other functions, such as mastication, the vertical force 

on the symphysis along its superoinferior z-axis would increase.  

Based on our modeling results showing that during opening and closing of the jaw, 

different force regimes are induced on the mandibular symphysis from top-to-bottom, we aimed 

to develop scaffolds with tailored mechanical properties from top-to-bottom according to the 

predicted forces. Therefore, we designed and 3D-printed scaffolds with uniform or varying 
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void size scaffold (Fig. 9b). Average and maximum fluid pressure in the 0.3-0.6 gradient scaffold 

were higher than in the 0.6 homogeneous scaffold, and the 0.3-0.6-0.9 gradient scaffold was 

similar to the 0.6 homogeneous scaffold. 
 

 

 

 

 
Figure 9. Finite element modeling of fluid pressure distribution and magnitude as a result of fluid flow inside the 3D-

printed PCL scaffolds with different void size (0.3 mm, 0.6 mm, 0.9 mm, 0.3-0.6 mm, and 0.3-0.6-0.9 mm). (a) 3D, front, 

back, top, and bottom view of fluid pressure distribution and magnitude on the strands surface as a result of inlet fluid 

flow inside the 3D-printed scaffolds. For the homogeneous-structured scaffolds, fluid pressure magnitude decreased 

with increasing scaffold void size. Fluid pressure magnitude was more homogenous at higher void size compared to 

lower void size scaffolds. Fluid pressure was higher in the upper half compared with the lower half of the scaffolds for 

both the homogenous and gradient scaffolds. (b) Average and maximum fluid pressure was highest in the 0.3 mm void 

size scaffold and lowest in the 0.9 mm void size scaffold. Average and maximum fluid pressure in the 0.3-0.6 gradient 

scaffold were higher than in the 0.6 homogeneous scaffold, and the 0.3-0.6-0.9 gradient scaffold was similar to the 0.6 

homogeneous scaffold. 
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mechanical properties. One of the main parameters affecting the mechanical properties of 3D-

printed scaffolds is the distance between the two struts or the void size [33-35]. Scaffold void size 

determines both the mechanical properties of the scaffold and ease of mass transfer into the 

scaffold [36, 37]. Void size should not be too large since it results in reduced mechanical stability. 

On the other hand, void size should not be too small to hamper nutrient transfer into the scaffold 

[38]. We 3D-printed scaffolds with 3 different void sizes, i.e. 0.3, 0.6, or 0.9 mm. As expected, 

scaffolds with larger void size had lower compressive strength. Larger void size means that there 

are less PCL struts in the whole structure to maintain the mechanical integrity of the scaffold, and 

therefore the scaffold has less resistance to the compressive force. Moreover, scaffolds with 

larger void size had lower compressive modulus which means that they enter the plastic 

deformation zone at lower stress values. This finding is in agreement with numerous other reports 

demonstrating decreased compressive strength with increasing scaffold pore size and porosity 

[39-41]. Next, using the results obtained from the homogeneous scaffolds, we designed and 3D-

printed 2-region or 3-region gradient-structured scaffolds with increasing void size from top-to-

bottom. By measuring the compressive strength of the gradient scaffolds in the upper half and in 

the lower half separately, we observed that both gradient scaffolds had higher compressive 

strength in the upper half compared with the lower half of the scaffold. This was relevant to the 

higher compressive forces induced to the upper part and lower compressive force induced to the 

lower part of the symphysis during jaw opening. Our results agree with published data showing 

that in a single scaffold, regions with smaller void size have higher mechanical properties 

compared with regions with larger void size [42]. Compressive strength of our scaffolds (4.1-12 

MPa) was in the range of trabecular bone in the human mandible (0.22-10.44 MPa) [43]. 

Current studies on the mechanical properties of bone tissue engineering scaffolds are 

mostly based on compression testing, and data on the tensile strength of 3D-printed bone 

scaffolds are scarce [44-46]. However, tensile strength of bone scaffolds might be equally 

important depending on the location of the defect. Since our modeling results indicated that during 

opening and closing of the jaw, a tensile force was induced on the lower parts of the symphysis 

in the transverse direction, we tested the tensile strength of the scaffolds in the lower half. Similar 

to compressive strength, tensile strength of homogeneous scaffolds decreased with increasing 

scaffold void size. This can be explained by the extent of contact between the layers. When the 

scaffold has larger void size, there are less contact points between the layers, and therefore the 

scaffold has less resistance to failure against the imposed tensile force. Moreover, tensile 

modulus of homogeneous scaffolds decreased with increasing scaffold void size. Same 

explanation can be used for the tensile modulus. Due to less contact points between the struts in 

73 

the scaffold with larger void size, the scaffold enters the plastic deformation region at lower stress 

values which means lower tensile modulus. The tensile strength in the lower half of the 2-region 

gradient scaffold was higher compared with the 3-region gradient scaffold. The 2-region gradient 

scaffold had a void size of 0.6 mm in the lower half, while the 3-region gradient scaffold had a 

void size of  0.9 mm and 0.6 mm in the lower half resulting in reduced tensile strength. 

We found that the compressive strength of 3D-printed PCL scaffolds was higher in the 

scaffold layer-by-layer building direction compared with the side direction. In addition, the stress-

strain response of scaffolds to compressive force was different in the building direction compared 

with the side direction. When compressed in the building direction, scaffolds behaved elastically 

in the initial linear region and then reached a plateau stage of roughly constant or slightly 

increasing stress. However, when compressed in the side direction, scaffolds exhibited a 

distinctive yield point after the initial elastic region and then collapsed as evidenced by a sharp 

decrease in stress values. This can be explained by the orientation of struts in the scaffold in 

contrast to the direction of the force. When force was applied in scaffold building direction, struts 

of all layers were perpendicular to the loading direction. Therefore, struts were compressed 

against each other in their contact points and could recover when load was removed resulting in 

elastic deformation (Fig. 10a). Only at large compressive strains, the deformation was 

unrecoverable. On the other hand, when force was applied from the two sides, the 1 cm long 

struts of every other layer were aligned in the direction of the force. These struts had low 

resistance to plastic deformation due to strut buckling and formation of shear stress between 

layers that finally resulted in scaffold failure (Fig. 10a). Our results are in agreement with data by 

others who showed that when scaffold struts are aligned in the loading direction, scaffolds have 

low resistance against the imposed compressive load [47]. 

Unlike compressive strength, tensile strength of scaffolds was substantially low in the 

scaffold building direction. When tensile force was exerted along the scaffold building direction, 

the main mechanism of deformation was delamination of the layers (Fig. 10b). Layer delamination 

occurred through detachment of the fusion points between the struts. Stability of the fusion points 

depends on parameters such as polymer solidification kinetics, printing and environment 

temperatures, the layer printing time, deposition velocity, and scaffold height [48-50]. Since the 

bottom layers were bearing the weight of the top layers, the fusion points between the struts might 

have been stronger in the bottom layers. Thus, early fracture started from the top layers. On the 

other hand, when tensile force was exerted from the two sides, PCL struts of every other layer 

that were aligned in the direction of the force could elongate without early fracture because of 

PCL toughness. At higher strains, tensile stress on the struts aligned in the direction of the force 
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and  shear stress between the layers resulted in scaffold fracture (Fig. 10b). These data show 

that the directionality of the layer-by-layer 3D-printed scaffolds in the defect site is extremely 

important. If a tensile force is induced on the defect site during normal functions, the 3D-printed 

scaffold should be placed in the defect site in such a way that scaffold layer-by-layer building 

direction is not in the direction of the tensile force. Based on our findings, when the layer-by-layer 

3D-printed PCL scaffold is used for the replacement of a defect in mandibular symphysis, the 

scaffold building direction should be in the symphysis anteroposterior x direction to reduce the 

risk of failure against the tensile force. 

Fluid flow dynamics affects cell proliferation, distribution, and activity within 3D-scaffolds 

[51-53]. A fluid shear stress of 0.002-0.4 mPa increases osteoblast proliferation and differentiation 

[54]. Using FE modeling, we found that the average shear stress in both the homogeneous and 

gradient-structured scaffolds was between 0.03-0.06 mPa, which falls in the range for enhanced 

osteoblast proliferation and differentiation. However, we observed an inhomogeneous fluid shear 

stress and fluid pressure distribution in the 0.3 mm void size scaffold. This indicates that cells 

attached to the struts of the 0.3 mm void size scaffold are exposed to different shear stress at 

various locations in the scaffold, which affects their behavior. Fluid shear stress and fluid pressure 

in the gradient-structured scaffolds was rather homogeneous despite the graded void size, which 

might favor homogeneous cell growth and differentiation in the gradient-structured scaffolds. 
 

 
Figure 10. Schematic illustration of the deformation mechanisms for building and side direction tests under 

compression and tension. (a) When compressive force was applied in the scaffold building direction, struts were 

compressed against each other in their contact points. When compressive force was applied from the two sides, strut 

buckling occurred and shear stress was formed between the layers. (b) When tensile force was applied in the scaffold 

building direction, the main mechanism of deformation was delamination of the layers. When tensile force was applied 

from the two sides, tensile stress on the struts aligned in the direction of the force and  shear stress between the layers 

resulted in scaffold fracture. 
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CONCLUSION 
 
Forces induced to the mandibular symphysis during opening and closing of the jaw were predicted 

using our dynamic biomechanical model. This model can also be extended to prediction of forces 

during other functions such as mastication at any other part of the mandible. Mechanical 

properties of the 3D-printed PCL scaffolds were tailored based on the predicted forces on 

mandibular symphysis. Mechanical properties of the 3D-printed PCL scaffolds were different in 

scaffold building direction compared with the side direction. This should be taken into account 

when placing the scaffold in the defect site. Our findings might have implications for improved 

performance and integration of scaffolds with native tissue. 
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SUPPLEMENTARY INFORMATION 
 
Details of the model 
The mandible and the skull are considered as three-dimensional rigid bodies. They make contact 

at both temporomandibular joints and at bite points, which is located at the dental arc. A Cartesian 

coordinate system is fixed to the skull. The origin is defined between the joints in the midsagittal 

plane. The positive x-axis is pointing forward and the positive y-axis to the right, both parallel to 

the Frankfort Horizontal plane (FH). The positive z-axis is pointing upward, perpendicular to the 

FH. Mutual independent muscle elements are exerting forces between mandible and skull. Each 

muscle element is assumed to contract statically, and to develop a single force along a straight 

line. The muscle forces (Fi) are balanced by the reaction forces, elicited at the temporomandibular 

joints (Fj), and the bite points (Fb). During contraction of the masticatory muscles, the mandible is 

assumed to be in static equilibrium. When the system is not in static equilibrium, the mandible 

may accelerate (both linearly and rotational): 
 

∑ 𝐹𝐹𝐹𝐹𝑖𝑖𝑖𝑖 +  ∑ 𝐹𝐹𝐹𝐹𝑗𝑗𝑗𝑗 + 𝐹𝐹𝐹𝐹𝑏𝑏𝑏𝑏

2

𝑗𝑗𝑗𝑗=1
= 𝑚𝑚𝑚𝑚 𝑣𝑣𝑣𝑣

𝑡𝑡𝑡𝑡

𝑁𝑁𝑁𝑁

𝑖𝑖𝑖𝑖=1
 

∑ 𝑀𝑀𝑀𝑀𝑖𝑖𝑖𝑖 +  ∑ 𝑀𝑀𝑀𝑀𝑗𝑗𝑗𝑗 +  𝑀𝑀𝑀𝑀𝑏𝑏𝑏𝑏 = 𝑚𝑚𝑚𝑚 𝑣𝑣𝑣𝑣
𝑡𝑡𝑡𝑡
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𝑗𝑗𝑗𝑗=1
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𝑖𝑖𝑖𝑖=1
 

 

where moments are taken about the axes of the coordinate system. 

The inputs are the activation patterns of the muscles. The constant input parameters 

(attachments, maximum force, fiber length, sarcomere length) had been obtained from eight 

human cadavers. The force a muscle exerted in interval i (Fi) was equal to: 
 

Fi=Fmax.(FLi.FVi.FQi+FPi) 

 

where Fmax is maximal tetanic force (30 N.cm-2 of cross-section); FL is force/length factor, 

dependent on the length of the sarcomere; FV is force/velocity factor, dependent on the velocity 

of the sarcomere; FQ is activation factor, dependent on EMG level; FP is force scaling factor for 

the parallel elastic element. FLi and FVi depended on the average length and length change of 

the sarcomere in interval i, respectively. The FQi depended on iEMG levels in interval i and 

previous intervals, as there was a delay between the electrical and mechanical activation of the 

(1) 

(2) 

(3) 
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muscle. The force length factor (FL) was estimated by the following third degree equation fitting 

experimental data from cadavers: 
 

FL = 0.41SL3 – 4.40SL2 + 14.80SL – 15.05 

 

The relative velocity (v) of the sarcomeres in interval i was determined from SL in the previous 

and following interval: 
 

𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖 =  1
2.73 . 𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑖𝑖𝑖𝑖−1 − 𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑖𝑖𝑖𝑖+1

2. 𝑡𝑡𝑡𝑡  

 

where t is the duration of an interval. The FV is calculated separately for shortening and 

lengthening contractions. In the first case the following equation was used [23]:  
 

𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝑖𝑖𝑖𝑖 =  𝑣𝑣𝑣𝑣𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 − 𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖

𝑣𝑣𝑣𝑣𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 + 𝑃𝑃𝑃𝑃0 .  𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖
𝑎𝑎𝑎𝑎

             (𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖 > 0) 

 

For negative contraction velocities, the increase in FV was approached by: 
 

𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝑖𝑖𝑖𝑖 = 1.5 − 0.5 . 𝑣𝑣𝑣𝑣𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 +  𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖

𝑣𝑣𝑣𝑣𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 −  2𝑃𝑃𝑃𝑃0. 𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖
𝑎𝑎𝑎𝑎

          (𝑣𝑣𝑣𝑣𝑖𝑖𝑖𝑖 < 0) 

 

This curve fitted experimental data [24]. The FP was estimated, using previous data [25] as: 
 

𝐹𝐹𝐹𝐹𝑃𝑃𝑃𝑃𝑖𝑖𝑖𝑖 = 0.0014. exp (6. 𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑖𝑖𝑖𝑖 − 2.73
2.73 ) 

 

The activation factor FQ depended on the time course of the EMG. 
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(6) 

(8) 

(7) 



76 

SUPPLEMENTARY INFORMATION 
 
Details of the model 
The mandible and the skull are considered as three-dimensional rigid bodies. They make contact 

at both temporomandibular joints and at bite points, which is located at the dental arc. A Cartesian 

coordinate system is fixed to the skull. The origin is defined between the joints in the midsagittal 

plane. The positive x-axis is pointing forward and the positive y-axis to the right, both parallel to 

the Frankfort Horizontal plane (FH). The positive z-axis is pointing upward, perpendicular to the 
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line. The muscle forces (Fi) are balanced by the reaction forces, elicited at the temporomandibular 

joints (Fj), and the bite points (Fb). During contraction of the masticatory muscles, the mandible is 

assumed to be in static equilibrium. When the system is not in static equilibrium, the mandible 
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where moments are taken about the axes of the coordinate system. 

The inputs are the activation patterns of the muscles. The constant input parameters 

(attachments, maximum force, fiber length, sarcomere length) had been obtained from eight 

human cadavers. The force a muscle exerted in interval i (Fi) was equal to: 
 

Fi=Fmax.(FLi.FVi.FQi+FPi) 

 

where Fmax is maximal tetanic force (30 N.cm-2 of cross-section); FL is force/length factor, 

dependent on the length of the sarcomere; FV is force/velocity factor, dependent on the velocity 

of the sarcomere; FQ is activation factor, dependent on EMG level; FP is force scaling factor for 

the parallel elastic element. FLi and FVi depended on the average length and length change of 

the sarcomere in interval i, respectively. The FQi depended on iEMG levels in interval i and 

previous intervals, as there was a delay between the electrical and mechanical activation of the 
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muscle. The force length factor (FL) was estimated by the following third degree equation fitting 

experimental data from cadavers: 
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