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Abstract This work aims at developing a Two-pool 
Virtual Patient Simulator able to predict the intra-
corporeal mass and fluid transport occurring during 
the dialysis treatment of uremic patients.  The 
optimisation of this device enables its use as a test 
bench for the evaluation of commercial or newly-
developed dialysers and of the response of the patient 
to different dialyser membranes and therapy 
techniques. 

Keywords Hemodialysis, In-vitro simulator, Test bench, 
Mass and fluid transport, Dialyser. 

 INTRODUCTION 

EMODIALYSIS is the most commonly used therapy to 
replace renal function in uremic patients. Despite the 

technological improvements in the whole dialysis equipment 
and automatic control of the machine, this therapy is still 
associated with a significant rate of co-morbidity and 
mortality [1]. Indeed dialysis induces deep imbalances of the 
hydro-electrolyte equilibrium and fast changes in fluid 
volumes and electrolyte concentrations in the body 
compartments of the patients. The wide variability of the 
patients  response to the treatment demands a deep 
understanding of the mass and fluid transfer phenomena 
among the body compartments of the patient when connected 
to the dialysis machine, namely to the dialyser.  
Several mathematical models [2-4] have been developed so 
far to describe fluids and solutes kinetics during dialysis in 
terms of intra-corporeal mass and fluid transport. However, 
to get a proper calibration of these models, a detailed 
knowledge of the depurative characteristics of the dialysers 
would be necessary. In fact the assessment of the filtering 
performances of commercial dialysis membranes (i.e. 
Clearance, Dialysance, Ultrafiltration) is usually related to a 
limited number of catabolites disregarding any possible 
interaction between these catabolites and other solutes, which 
can affect the membrane permeability during the whole 
duration of the dialysis session.  
To bridge this gap and acquire more information about the 
filtering characteristics of the dialysis membranes and about 
the patient-to-dialyser interaction, a dedicated test bench 
should be required. 
Aim of this work is to develop a Two-pool Virtual Patient 
Simulator (TVPS) capable to replicate the intra-corporeal 
mass and fluid transfer during dialysis. The TVPS will allow 
the thorough investigation of the filtering performances of 
commercial or newly developed dialysers and of the patient-
to-dialyser interaction.  

 MATERIALS AND METHODS 

In the first phase of the project a total of 13 patients treated 
with 3 different dialysis techniques were monitored for two 
months at Servizio di Nefrologia e Dialisi, I.R.C.C.S San 
Donato to acquire a set of clinical data to be used as a 
reference point for the development of the TVPS.  

Preliminary design of the TVPS 
The preliminary project specifications of the TVPS were 
defined based on an earlier simplified physical simulator 
prototype developed by our group. [5] 
The main function of the TVPS is to replicate intra- and 
extra-vascular compartments of the patient. The former 
compartment has been reproduced by means of a rigid 
reservoir and a set of semi-permeable hollow fibres, which 
represent the large arterial and venous vessels and the 
capillary system respectively; the latter has been instead 
simulated by means of rigid reservoirs connected to a suitable 
compliance, whose value is comparable to the physiological 
interstitial compliance. 
The semi-permeable hollow fibres were arranged in modular 
filters, which were ad hoc designed and constructed (Fig. 1) 
to be placed inside the extra-vascular rigid reservoir (Fig. 2). 
The semi-permeable membrane therefore represents the 
interface between the intra and extra-vascular compartments.  
The test fluids have been prepared so as to reproduce the 
rheological properties, osmotic pressure and the electrolytes 
and catabolites contents, which are characteristic of the blood 
and the interstitial fluid of a uremic patient. A peristaltic 
pump has been used to replicate the cardiac output of the 
patient. 
Theoretical calculations and functional tests of the depurative 
and hydraulic properties of the membrane have been carried 
out to define the dimensions of each component of the TVPS 
and the most manageable and efficient configuration. A 
shunt, equipped with a variable resistance, was added to 
control pressure and mass transfer across the fibres, since the 
permeability of the artificial membrane is higher than the one 
of the capillary membrane [6-7]. 
The simulator design has been optimised according to an ad-
hoc developed computational model, which allowed the 
quantification of fluid and mass transport in the TVPS and 
the determination of the number of filters to be used to 
replicate the capillary system. 

Experimental tests 
An average dialysis session of 3.5 hours has been simulated. 

H 

Development of a Two-pool Virtual Simulator 
of fluid and mass transfer in a dialysis patient 
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The initial conditions (volumes, electrolyte and catabolite 
concentrations, osmotic pressures) in the TVPS were set 
according to the average clinical quantities (Table 1). 
 

 
The TVPS was connected to a dialysis machine Gambro 
AK200.  
The scheme of the test circuit is shown in Figure 3. 
The experimental tests (Fig. 4) were performed using two 
different types of molecules (Polygelin and Dextran) to 
replicate blood oncotic pressure. 
Pressure, flow rates and volume variations of the two 
compartments were monitored in the TVPS. 
Fluid samples were collected from the TVPS at scheduled 
intervals to evaluate the trend of solutes concentrations in the 
intra- and extra-vascular compartments. 
To evaluate the accuracy of the project, the outcomes of the 
TVPS have been compared to the clinical average trends of 
solutes concentrations and volumes. 

RESULTS AND DISCUSSION 

The proper transfer efficiency of the TVPS capillary system, 
was obtained by using 10 filtering modules and by setting the 
shunt flow rate at 50% of the cardiac output of the Virtual 
Patient, as suggested by the computational model outcomes. 
All the experimental results showed to nicely reproduce the 
clinical patterns of electrolytes and urea concentrations. The 
values of these concentrations differ less than 20% from the 
clinical data when Polygelin is used to prepare the simulation 
fluid, while differ less than 10% when Dextran is used. 
The intra-vascular volume profile shows a good correlation 
with the clinical conditions, mostly when Dextran was used. 
Moreover, the use of Dextran in the intra-vascular working 
fluid, allows a closer replication of the plasma-refilling 
phenomenon. This is mainly due to the higher steric 
hindrance of the membrane to Dextran with respect to 
Polygelin. 
Also the extra-vascular volume shows to well replicate the 
plasma refilling phenomenon by displaying a decreasing 
trend due to a net flow from the extra-vascular to the intra-
vascular compartment. 
 

 CONCLUSION 

The experimental results obtained by the TVPS prove the 
overall reliability of the TVPS in reproducing the clinical 
conditions of an average uremic patient undergoing HD 
therapy. 
However the TVPS performances in the simulation of the 
solutes concentration need to be improved. Two main actions 
can be adopted to overcome this limit. 
A first action can be the automation of the fluid preparation 
procedure and of the priming of the TVPS so as to carefully 
manage possible variations in mass and fluid balance during 
this phase of the test. 
A second action can consist in a more distributed sampling 
along the virtual patient during the HD session so as to get 
accurate information about the hydraulic conditions (e.g. 
pressure, volumes and flow rates) into each district of the 
TVPS.  
The optimisation of the TVPS based on the said actions can 
make it suitable for the characterisation of commercial or 
newly developed dialysers, based on a thorough investigation 
of the filtering performances. Moreover the optimised TVPS 
will also permit the evaluation of the patient-specific 
response to the treatment and to the use of different dialyser 
membranes. 
It is also worth to be noticed that the evaluation of the 
patient-to-machine/dialyser membrane interaction might also 
be suggested as an additional requirement for the assessment 
of dialysers efficiency and reliability prescribed by the 
international standards. 
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PARAMETERS OF THE SIMULATED DIALYSIS SESSION 

Technique 
Standard Hemodialysis (Bicarbonate 
Dialysis) 

Blood flow 300 ml/min 

Dialysate flow 500 ml/min 

Duration 210 mins 

[Sodium] in the dialysate 140 mmol/l 

[Bicarbonate] in the dialysate 34 mmol/l 

Ultrafiltration rate 0,9 l/h 

Initial extra-vascular volume 41 l 

Initial intra-vascular volume 6 l 

Weight loss 3 kg 

Table 1. Settings of an average dialysis simulation test 
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Fig. 1.  Modular filter to replicate the capillary system, ad hoc constructed. It is possible to note the longitudinal openings realised on the case, which let 
the intra-vascular fluid interface with the extra-vascular fluid across the capillary membrane 

Fig. 2.  Modular filters inserted in the extra-vascular reservoirs representing the Two-pool Virtual Patient Simulator. The upper tank represents the 
interstitial compliance. 

Fig. 3.  Test circuit of the TVPS. CO = cardiac output; QPAZ=flow rate in the patient; QCAP=flow rate in the capillary system; QSHUNT=flow rate in the shunt; 
QDIAL=dialysis pump flow QUF=ultrafiltration rate; RSHUNT=adjustable resistance of the shunt. 

Fig. 4.  The TVPS primed with the working fluids and connected to a commercial dialysis machine. 
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Abstract - The aim of this work is to evaluate the mechanical 
response of the heel region in healthy and degenerative 
conditions by numerical methods. The heel pad acts as an 
interface between the calcaneum and the ground and its 
mechanical response is dependent on the properties of plantar 
and skin tissues. The plantar tissue has a specific honeycomb 
configuration, which is made up by adipose chambers enveloped 
by fibrous septa. Degenerative phenomena, as ageing, pathology 
or trauma, affect the histo-morphological configuration of this 
tissue and the mechanical properties. The biomechanical 
behaviour of the plantar fat pad is analyzed by a computational 
approach by means of the correlation between histo-
morphological configuration and mechanical properties. 
Numerical meso-models composed by fibrous septa and adipose 
chambers are developed for both healthy and degenerative 
conditions. Moreover, a numerical macro-model of the heel 
region is developed and numerical analyses are performed to 
evaluate the influence of degenerative phenomena on the overall 
mechanical functionality of the heel structure. 

Keywords - Soft tissue mechanics, plantar fat pad, 
degenerative phenomena, finite element analysis. 

I. INTRODUCTION 

HE human heel pad, composed of plantar fat pad and 
skin,  acts as an interface between the calcaneum and the 

ground, absorbing shock and distributing deformational 
effects in the surrounding foot tissues. Its ability to maintain 
body stability, to attenuate ground impact, to redistribute 
plantar pressures and to protect internal structures is due to its 
peculiar organization. The plantar fat pad is characterized by 
a honeycomb configuration in which fibrous septa envelope 
adipose compartments, which are further divided into fat 
globules by elastic transversal fibers. The fibrous septa 
originate from the calcaneus and extend toward the dermis, 
assuming specific shapes inside which the fibers are wound 
in spirals around the adipose chambers. The intact 
conformation of both fibrous and adipose tissues is a basic 
requirement for the proper functionality of the plantar fat pad. 
When degenerative phenomena, as aging, pathology or 
trauma, occur, adipose chambers get smaller, fibrous septa 
get thicker, fibrous components become disorganized 
because of breaking of collagen bundles and fragmentation of 
elastin strands. Such histo-morphological alterations induce 
significant modification of the tissue mechanical properties, 
as stiffening, lower strain threshold for injury, lower damping 
capabilities, and the plantar fat pad becomes unable to 
correctly perform its structural functionality [1],[2].  

The relationship between histomorphological configuration 
and mechanical behaviour of the plantar fat pad tissue is 
investigated by a computational approach. Firstly, numerical 

meso-model of the plantar fat pad system are provided, 
accounting for different chamber dimensions and septa 
thickness, considering healthy and degenerative situations. 
These models are developed accounting for results from 
different experimental activities, with regard to both 
histological and mechanical investigations, and aiming at the 
identification of the tissue mechanics depending on 
histological configuration. Subsequently, a finite element 
model of the overall heel pad region is provided accounting 
for both healthy and degenerative conditions. The macro-
model includes the plantar fat pad, the calcaneum, the skin 
and the other soft tissues. Parameters are identified 
accounting for the results from meso-models. For validation, 
indentation tests of the heel region are numerically analysed 
to investigate the influence of degenerative phenomena on 
the structural response of the system. 

II. MATERIALS AND METHODS 

A. Numerical  meso-model of plantar fat pad  
Meso-models of the plantar fat pad in healthy and 

degenerative conditions are developed on the basis of 
previous models and specific histological measurements 
[1],[3]. In detail, adipose chambers are modeled as ellipsoids 
and hexagonal distribution is assumed. The model is 
composed by different layers, which are shifted each other 
according to the hexagonal scheme (Fig. 1a-b). Even if the 
actual distribution of tissue components is more spread, the 
assumed conformation well interpret the overall organization 
of the system. The numerical model is obtained by finite 
element discretization of the virtual solid model, using four-
node tetrahedral elements (Fig. 1c-d). The mechanical 
behavior of the sub-components, as adipose chambers and 
fibrous septa, is described by specific constitutive 
formulations, as later reported. Numerical analyses are 
developed accounting for the boundary conditions of 
unconfined compression tests [2].  

B. Plantar fat pad in healthy condition 
The histological conformation of healthy adipose chambers 

suggests the isotropic and almost-incompressible behavior, 
while data from mechanical tests show the non-linear 
mechanical response. Accounting for such information, an 
hyperelastic isotropic constitutive formulation is assumed [3]. 
The septa are characterized by the anisotropic configuration 
of fibrous components and the non linear stress-strain 
behavior. A fiber-reinforced hyperelastic formulation is 
assumed with two collagen fibres families spirally wound 
around the adipose chambers, running in clockwise and 

Mechanical behaviour of the heel pad in healthy 
and degenerative conditions  
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anticlockwise directions according to a 30 degrees angle [3]. 

C. Plantar fat pad in degenerative condition 
In order to evaluate the effect of degenerative phenomena 

on the mechanical behaviour of adipose tissues and fibrous 
septa, further experimental investigations are analysed. 
Results from compression tests performed on degraded 
adipose tissue show the increase of tissue stiffness. An 
isotropic hyperelastic formulation is assumed. With regard to 
fibrous tissue, non enzymatic glycation processes of collagen 
structures usually develop because of degenerative 
phenomena, as aging or diabetes. Results from uniaxial 
tensile tests on collagen structures before and after non 
enzymatic glycation show a great increase of the tissue 
stiffness. Furthermore, glycation processes determine 
fragmentation and continuity loss of fibers and fibrils within 
the collagen structures. The consequent configuration of the 
collagen structures do not display distribution of the sub-
components along any specific direction, and an isotropic 
model can be assumed.  

D. Numerical macro-model of heel region 
A numerical macro-model of the overall heel region is 

developed by finite element discretization of virtual models 
of plantar fat pad, skin, soft tissues (as muscles, plantar fascia 
and ligaments) and calcaneus (Fig. 2). Such models are 
obtained from MRI and CT images of cadaveric feet (Fig. 
2a). The mechanical behavior of the calcaneus is defined by 
an orthotropic linear elastic formulation, while the soft 
tissues are described by an hyperelastic model. The 
anisotropic and nonlinear mechanical behavior of the skin is 
defined by a fiber-reinforced hyperelastic model [4]. A 
phenomenological visco-hyperelastic constitutive model is 
applied to interpret the mechanical response of the plantar fat 
pad [5]. Different sets of parameters are identified to specify 
the behavior of healthy and degenerative conditions, 
accounting for the stress-strain curves obtained by the meso-
models. Specific numerical analyses are developed to 
evaluate the influence of degenerative phenomena on the 
overall mechanical behavior of the heel pad by indentation 
tests. The numerical model of the indenting platform is 
developed and boundary conditions are provided to fully fix 
the calcaneus and to move the platform towards the skin with 
a rate of 40 mm/s (Fig. 2c). The skin-indenter interface is 
modeled using a Columb contact strategy with a 0.42 friction 
coefficient. 

III. RESULTS 

Numerical analyses are performed by the developed meso-
models to evaluate the influence of degenerative phenomena 
on the compressive behaviour of plantar fat tissue. The 
comparison of results is reported in Fig. 3a and show the 
increase of tissue stiffness with degenerative phenomena, as 
reported by experimental activities. Furthermore, finite 
element analyses allow to investigate the stress distribution 
within the different sub-components and structures of plantar 
fat pad, as adipose chambers and fibrous septa (Fig. 3b-c). 

Fig. 4 shows the results obtained by the numerical macro-
model of the overall heel region. The contours of the 

displacement magnitude and minimum principal stresses 
fields are reported. The areas closer to the plantar region of 
contact between the indenter and the tissue are the mostly 
deformed. The analyses of the minimum principal stresses 
show that the stresses in the degradated heel pad are much 
larger compared to the healthy heel pad. 

IV. CONCLUSION 

Computational models are provided to investigate the 
influence of degenerative phenomena on the mechanical 
behavior of the heel pad. Numerical meso-models can be 
developed accounting for alterations of structural 
conformation and mechanical properties of plantar fat pad. 
The models well interpret the actual variations of stiffness 
due to degenerative phenomena. Numerical meso-models can 
be further applied to provide the stress-strain data that are 
required for the parameters identification of tissue 
constitutive formulations within numerical macro-models. 
Such models allow for the investigation of the overall 
functionality of the heel region. Results from numerical 
analyses show that the stress field in the degenerative 
configuration are larger in comparison with healthy heel pad, 
confirming the possibility of distortion of heel functionality.  

With regard to the formulations proposed, as the meso- and 
the macro-models, both the approaches allow to deepen the 
knowledge of plantar tissues mechanics, finding application 
for the prevention of foot degradation. With regard to 
degenerative situations, critical mechanical conditions take 
place, particularly for subjects with low sensitivity to 
pressure and pain, as obese, elderly or neuropathic ones. Such 
conditions may induce micro-traumas of plantar tissues, 
which can degenerate to lacerations. Specific ortheses and  
footwear should be provided, accounting for damping 
materials. The proposed numerical models can be applied to 
investigate interaction phenomena between foot and ortheses 
[6], providing information for the footwear conformation 
design and materials properties identification. 
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Fig. 1.  Conformation of plantar fat pad tissue. Schematic representation of the distribution of adipose chambers and fibrous septa (a) according to an 
hexagonal scheme (b). Histology of plantar fat pad tissue with regard to healthy (c) and degenerative (d) conformations. 
 
 
 

 
Fig. 2. Development of the numerical macro-model of the heel region. CT and MRI (a) images are processed to provide virtual solid models of the foot 
structure (b). Finite element discretization leads to the numerical model (c). 
 
 
 

 
Fig. 3. Results from the analysis of compression tests by the numerical meso-models. Comparison of the stress-strain behavior of healthy and 
degenerative conformations (a). Contours of the minimum and maximum principals stress fields in plantar fat pad tissue in helathy (b) and 
degenerative (c) conditions. 
 
 
 

 
Fig. 4. Results from the analysis of indentations tests by the numerical macro-model. Contours of the vertical displacement filed (a) and the minimum 
principal stress field for healthy (b) and degenerative (c) conformations. Results are reported over a transversal section of the heel region. 
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Abstract—Dental implants are widely used for rehabilitation 
of maxilla pathologies but in edentulous patients this treatment 
has some limits because of the excessive bone resorption. Short 
implants could be an alternative, but there is not a wide 
knowledge about their safety and strength of anchorage. 

In this study, a Finite Element Model was used to compare 
the bone stress state between single standard and short implants 
with crowns of different length used in clinical applications. 

Results showed that under a sloping load the bone stress was 
higher in the cortical area than in the apical one, demonstrating 
that the cortical part is more involved in implant instability, and 
that it was higher with short implant and long crown than with 
the standard configuration. In spite of this, stress values were in 
a physiological range and can be considered biomechanically 
safe. 
Keywords—Short dental implants, Finite Elements analysis, 

bone stress state. 

I. INTRODUCTION 

VER the years dental implants have been widely used for 
the rehabilitation of edentulous areas. Patient 

rehabilitated with implant-supported fixed partial dentures in 
the posterior region of the maxilla showed an improvement in 
the oral health quality of life if compared with those with 
removable partial dentures, particularly in the elderly ones. 
Especially in the posterior region of jaws, reduced alveolar 
bone height represents a limitation in the use of dental 
implant and increases the probability of possible damages to 
some anatomical structures [1]. 
Short implants can be considered an alternative treatment 
option. Biomechanical studies demonstrate that the crestal 
portion of the implant body is the part that is most involved 
in load bearing, whereas very little stress is transferred to the 
apical portion [2]. The aim of this study is to demonstrate that 
the length of the implant has a low impact on its anchorage 
strength and that using an outsize crown due to the extensive 
resorption does not cause a dangerous state of stress in bone 
from a biomechanical point of view. 

II. MATERIALS AND METHODS 

A. Generation of the model 

The 3D geometry of edentulous maxilla was reconstructed  
from computerized tomography (CT) of an edentulous 
patient. The structure symmetry permitted the reconstruction 
of a half maxilla. After generating a mesh using Avizo 
software, the mesh was transferred back to the segmentation 

software for material properties assignment. The Grey Value 
(GV) was used for Elastic Modulus calculation using the 
empirical formula  

 
                                                     (1) 
                        
                                                     (2) 
 

where GV is Grey Value (ranging from 0 (black) to 255 
(white)), ρ is density and E is Elastic Modulus [3]. The range 
of GVs was divided into 10 equal size intervals each 
representing a material. Then the mesh of the maxilla was 
imported in Abaqus 6.10 for the analysis. Implants of two 
different lengths were meshed and implanted in molar 
position. The implant dimensions were 4 mm diameter x 11 
mm length (regular length implants) and 4 mm diameter x 6 
mm length (short implants). A superstructure representing a 
porcelain crown was built using beam elements. Three 
configurations have been compared: regular implant with 8 
mm crown (A) and short implant with 8 mm or 13 mm crown 
(B and C) (Fig. 1). The implant and the maxilla have been 
assembled locating the implant in molar position and the 
translational degrees of freedom of the implant’s nodes were 
kinematical constrained to the corresponding degrees of 
freedom of the maxilla’s elements where the implant’s 
elements lied in. Two set of elements were created for the 
analysis: the first one considered the whole bone-implant 
interface and the second one only the coronal area. Both parts 
were 1.5 mm thick and the coronal one was 2.5 mm height. 
 
B. Boundary conditions and loads 

A symmetry boundary condition was applied to the nodes 
belonging to the plane of symmetry. The nodes belonging to 
sagittal plane, coronoid process and maxilla angle were kept 
fixed. A vertical and 45° sloping concentrated loads of 200 N 
representing the masticatory forces were applied to the 
crown. 

III. RESULTS 

Static analysis was performed and simulation results were 
evaluated in terms of Von Mises stresses, maximum and 
minimum principal stresses. Results have been analysed in 
terms of stress distribution using maximum and minimum 
values, first, second and third quartile; the value considered 
for the analysis was third quartile because it represents 75% 

Comparative evaluation of the effect of implant 
length and crown height in edentulous patients: 

a Finite Element study 
G. Casaroli1, N. Cavalli2, L. Francetti2, F. Galbusera3 and T. Villa1 

1 LaBS, Department of Chemistry, Materials and Chemical Engineering “G. Natta”, Politecnico di Milano 
2 Department of Biomedical, Surgical and Dental Sciences, Università degli Studi di Milano 

 3IRCCS Istituto Ortopedico Galeazzi 

O



 2 

population. The finite elements analysis has been conducted 
for three different single implant configurations. 
When a vertical load is applied, stress distribution is more 
homogeneous all around the implant than in the case of a 
sloping load; indeed in this case the stress is higher in coronal 
area with respect to the apical one (Fig. 2) . Von Mises stress 
distribution is 47, 57 and  27% higher in coronal area than in 
the interface for A, B and C configurations respectively when 
a sloping load is applied. On the contrary, when a vertical 
load is applied stress distribution is just the same for B and C 
while is 30% lower for A. Von Mises stress distribution, 
Maximum and minimum principal stress distribution are 
listed in table I. 
 

 

 
 

IV. CONCLUSION 

The higher stress in the coronal part of the bone generated by 
sloping load demonstrates that implant instability, if present, 
may be related to a local bone failure in this area. In contrast, 
vertical load generates higher stress state in the apical zone in 
all configurations for structural reasons. The effect of the 
length of the implant and the height of the crown both 
increase the stress state. In spite of this, the stress value is in 
a physiological range and it is not to be considered dangerous 
for clinical application. Therefore, short implants with higher 
crowns can be considered a safe alternative to standard 
implants from a biomechanical point of view. 
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TABLE I 
STRESS VALUES IN STUDIED CONFIGURATIONS 

          
Von Mises             Max Principal         Min Principal        

 

Vertical 
load 
(MPa) 

 

A     2.07     1.46              0.46     0.24             -1.07    -0.49 

B     3.02     3.25              0.46     0.38             -1.73    -1.86 

C     3.02     2.95              0.46     0.45             -1.73    -1.66 

Sloping 
load 
(MPa) 

  

A     7.16    10.55             3.27     6.92           -1.42      -1.93 

B    10.48   16.49             4.37     9.49            -1.57     -2.44 

C    15.16   19.32             6.74   11.02            -2.41     -2.13 
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Fig. 1.  Implant configurations: (a) Regular implant with regular 
crown, (b) short implant with regular crown and (c) short implant 
with long crown. 

Fig.2  Von Mises state of stress generated by vertical (a, c and e) 
and sloping load (b, d and e) in studied configurations (standard 
implant with standard crown – a and b, short implant with standard 
crown – c and d, short implant with long crown – e and f). 

(c) (b) (a) 
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Abstract— The purpose of this study was to examine the 
compressive and tensile properties of the swine meniscus as a 
function of anatomical origin (lateral vs. medial) and region 
(femoral, tibial, anterior, central and posterior). The extracted 
parameters are the tensile and compressive Young modulus, the 
aggregate modulus, the Poisson's ratio and viscoelastic 
properties. 

Results indicate significant differences in the extracted 
parameters depending on the anatomical location and on the 
position within the meniscus thickness. In particular, posterior 
regions resulted stiffer than anterior and central regions, and 
femoral layers resulted stiffer than the tibial ones. 

  
Keywords— meniscus, compression, tension, modulus. 

I. INTRODUCTION 

he menisci of the knee are complex fibrocartilaginous 
tissues that play important roles in load bearing, shock 

absorption,  joint lubrication and stabilization [1].  
Few studies in literature have been conducted on swine 
meniscus, most having characterized the human or bovine 
meniscus [2,3]. 
The objective of this study was to characterize the time-
dependent behavior of the whole swine meniscus. The 
viscoelastic properties are observed by a mechanical response 
of the meniscus to confined and unconfined compression 
tests and to uniaxial tensile tests. 
We measured the compressive Young modulus from 
unconfined compression tests, the aggregate modulus from 
confined compression tests and the tensile Young modulus 
and Poisson’s ratio from tensile tests. 

II. MATERIALS AND METHODS 

A. Specimen preparation 

   Ten menisci were analyzed (five medial and five lateral), 
each one was sectioned through the thickness in two parts 
obtaining the tibial (T) and the femoral (F) zones; within each 
zone three cylindrical plugs, perpendicular to the tibial and 
femoral surfaces, were obtained (Ф=7mm) representing the 
anterior (A), central (C) and posterior (P) region; rectangular 
samples were also obtained from the femoral and tibial zones 
(Figure 1). Each specimen was rinsed in 0.9% saline solution 
and then frozen at -24°C until the time of testing. Before the 
test, each samples was thawed at room temperature for about 
30 min. Cylindrical samples were tested in compression 
under confined configuration and, after re-equilibration in 
saline solution, under unconfined configuration. Rectangular 
samples were tested in tension.  

All tests were performed at room temperature using an 
electromagnetic testing machine (Bose Elf3200, Bose, Eden 
Praire, MN, USA), equipped with a 220 N load cell.  

B. Confined compression tests 

   A cylindrical disc of tissue was put on a rigid sintered 
stainless-steel filter, constrained laterally by a close-fitting 
impermeable stainless-steel confining chamber filled with 
saline, and then loaded by a stainless-steel piston (Ф=7mm). 
After ensuring the contact between the specimen and the 
piston, the sample was subjected to a multi-ramp stress 
relaxation test, made of five increasing 4% strains at a 
velocity of 0.1%/s, followed by stress relaxation to 
equilibrium for 600 s. The aggregate modulus, HA, was 
evaluated for each ramp from the equilibrium data as the ratio 
between the relaxation stress value and the fixed 4% strain. 

C. Unconfined compression test 

   The cylindrical sample was placed in a Plexiglas chamber; 
after the contact between the sample and the piston (Ф=9mm) 
was achieved, saline solution was added to the chamber to 
ensure sample hydration during the test. The test conditions 
were the same as the previous ones (confined compression 
test), i.e. multi-ramp stress relaxation test using the same 
strain, velocity and relaxation time values. The compressive 
Young modulus, E, was obtained for each ramp from the 
equilibrium data as the ratio between values of relaxation 
stress and the corresponding values of strain.  

D. Uniaxial Tension Test 

    After thawing the sample to be tested at room temperature, 
one side of the sample surface was marked by waterproof 
India ink to obtain a grid for optical strain measurements. 
The specimen was then mounted between the two machine 
jaws. A custom made chamber filled with saline was used to 
keep the sample hydrated during the test. The specimen was 
submitted to a multi-ramp stress-relaxation test, made of ten 
increasing 4% strains at a velocity of 0.1%/s, followed by 
stress relaxation to equilibrium for 1200 s. The tensile Young 
modulus was determined for each ramp from the equilibrium 
data as the ratio between the relaxation stress value and the 
fixed 4% strain.  

III. RESULTS 

Typical stress-relaxation plots of our tests are shown in 
Figure 2.  
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The compressive Young modulus, E, of the medial and 

lateral meniscus increases with strain for every zone (A, C, P) 
and for each layer (T and F). Due to high variability of 
results, it is not possible to observe any difference of E 
among the A, C, and P zones (Fig. 3). Femoral layers show 
higher E values than T layers (Fig. 4), although differences 
are not statistically significant (t-test, p>0.05). Similar results 
are obtained for the aggregate moduli. 
Stress-strain plots obtained from the equilibrium stresses of 
the tension tests for a few samples are shown in Fig. 5. The 
plots show a great variability among different samples, the 
value of strain relative to the peak stress also varying among 
samples. The tension Young modulus, Etr, for strains up to 
16% is averaged among samples and shown in Fig. 6. Values 
of Etr increase with strain, with generally higher values for 
the T layers compared to the F layers, although differences 
are not statistically significant. Fig. 6 also shows a typical 
image of a sample under tension with the grid for evaluation 
of axial and lateral strains to be used for the optical 
evaluation of the Poisson’s coefficient (preliminary results 
indicate values higher than 1, a sign of anisotropy). 

IV. CONCLUSION 

We have performed a mechanical characterization of ten 
swine menisci by means of compression and tension tests. 
The results of our investigation show that the meniscus is a 
non linear, anisotropic, non-homogeneous material: 
mechanical parameters increase with strain, depend on the 
direction of load, vary among zones (anterior, central, 
posterior), and layers (femoral or tibial).  
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Fig 1. Sample preparation. Cylindrical plugs and rectangular samples 
(bottom image) were obtained for compression and tension tests respectively, 
after sectioning the meniscus through the thickness, in two layers, namely 
the femoral layer, F and the tibial one, T (top image). 
 

 

 
 
Fig. 2. Typical stress-relaxation plots for compression (top) and tension 
(bottom) tests. 
 
 

 
Fig.3: Average of compressive Young moduli, E, of medial (light colours) 
and lateral (dark colours) menisci for the anterior (blue), central (red) and 
posterior (green) regions. 
 

 
Fig.4: Average of the compressive Young moduli, E, of medial (light 
colours) and lateral (dark colours) meniscus; blue: samples from the tibial 
section, and red: samples from the femoral sections. 
 

 
Fig.5: Examples of stress-strain plots from the equilibrium data of tensile 
stress-relaxation tests. 
 

Fig. 6. Average of the tensile Young moduli, Etr, of medial (light colours) 
and lateral (dark colours) menisci; blue: samples from the tibial section, and 
red: samples from the femoral sections. A typical image for optical 
evaluation of the Poisson coefficient from tension tests is also shown.  
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Abstract— The Medial Patello-femoral Ligament (MPFL) is 
considered the most important passive patellar stabilizer and it 
displays time- and history-dependent viscoelastic behavior. In 
this work, 15 human knees have been tested to evaluate the 
quasi-linear viscoelastic properties of this ligament. 
 Keywords—Medial patello-femoral ligament, quasi-linear 
viscoelasticity, ligament biomechanics. 

I. INTRODUCTION 

HE Medial Patellofemoral Ligament (MPFL) displays 
time- and history-dependent viscoelastic behavior, and is 
nonlinear in its stress-strain response. This behavior 

results from the complex interaction among collagen, elastin, 
proteoglycans and water and it is usually described by the 
quasi-linear viscoelastic theory (QLV) proposed by Fung [1]. 
In order to describe the viscoelastic behavior of the MPFL, 
the objective of this study was to determine and validate the 
five constants used by the QLV theory to describe the 
instantaneous elastic response and reduced relaxation 
function on experiments with finite ramp times followed by 
stress relaxation to equilibrium [2].  

II. MATERIALS AND METHODS 

A. Preparation of the specimens 

A total of 15 human cadaveric knees from 6 women and 8 
men with a mean age of 75 ± 9 years were used. None of 
these showed patellar instability, knee injuries, surgical 
procedures or arthritic deformations. The cadavers were 
dissected after they have been stored for 24 hours at 4°C and 
then were preserved in a sterile gauze, sealed in a 
polyethylene bag, labelled and stored at -18°C. They were 
thawed at a temperature of 4°C when required. Finally, the 
result of dissection was the femur-MPFL-patella complex 
where the MPFL was the only link between the femur and 
patella (Fig. 1). The MPFL was found in all the examined 
knees. After dissection, the length, the thickness, the width 
and the cross-sectional areas of the MPFL at patellar 
insertion, mid-substance, and femoral insertion were 
measured using a caliber and a micrometer.  

B. Stress relaxation tests 

Fifteen human fresh frozen MPFL were dissected to obtain 
the correct length-to-width aspect ratio (4:1) and a constant 
cross-sectional area. The specimens were left in a saline bath 
at 37°C for 30 minutes, then were fixed with cyanoacrilate 
and sandpaper in standard clamps and aligned to the 5kN 
load cell of an Instron 5965 material-testing machine. Strain 
at the midsubstance was measured using a custom-made 
optical system composed of a camera and 4 markers (3 mm 

diameter) positioned on four different areas to evaluate the 
ligament elongation and eventual slippage (Fig. 2). In order 
to reduce tissue hysteresis, the specimens were preloaded 
with a force of 1N and preconditioned by a series of ten 
cycles until reaching the strain of 3% with a strain rate of 
0.1%/s. Subsequently, a stress relaxation test was performed 
by elongating the MPFL to 6% strain and held for 60 
minutes. The time until the peak load was 19,9 s (t0). The 
slow loading rate was selected to prevent the possible errors 
as inaccurate strain measurements and overshoot related to 
fast strain rate [3]. It implies a linear behaviour of strain-time 
curve before t0 and a constant one for t > t0. The total 
percentage of stress relaxation was defined in Eq. (1): 

 

                       %SR =
σ (t0 )−σ (t∞ )

σ (t0 )
⋅100         (1) 

 
where σ(t0) was the peak stress at t0 and σ(t∞) was the the 
stress measured at the end of the test. The nonlinear stress-
strain and stress-time curves were obtained from the loading 
and relaxation phases of this test. These experimental data 
were used in combination with the quasi-linear viscoelastic 
theory (QLV)  to characterize the tissue’s reduced relaxation 
function, G(t), (described by constants C, τ1 and τ2) and its 
elastic response, σe(ε) (described by constants A and B). For 
validation, the obtained constants were used to predict the 
results of a separate cyclic stress relaxation experiment [4]. In 
particular, 10 cycles of deformation between 4% and 6% at 
0.3%/s and the corresponding peak stresses were recorded. 

C. Quasi-linear viscoelastic theory (QLV) 

The QLV theory was utilized to describe the time- and 
history-dependent viscoelastic and nonlinear mechanical 
properties of the MPFL. The Fung’s theory assumes that the 
stress relaxation behavior of soft-tissue is expressed by the 
Eq. (2). 

                                 σ (t) =G(t)∗σ e(ε)                    (2) 

 
where  σe(ε)  is the instantaneous elastic response and 
represents the maximum stress in response to an 
instantaneous step input of strain, ε. G(t) is the reduced 
relaxation function, which represents the time dependent 
stress response of the tissue normalized by the stress at the 
time of the strain step input. This function was proposed by 
Fung to describe the sensitivity of soft tissues to strain rate.  
Using the Boltzmann superposition principle, the stress at 
time t, σ(t) is given by the convolution integral of the strain 
history and G(t) (Eq. (3)): 
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                     σ (t) = G(t −τ
−∞

t

∫ )
∂σ e(ε)
∂ε

∂ε
∂τ

∂τ                        (3) 

Fung chose the concept of a continuous relaxation spectrum 
and described the reduced relaxation function as in Eq. (4): 
 

                   G(t) =
1+C[E1(t / τ 2 )−E2 (t / τ1)]

1+C ln(τ 2 / τ1)
      (4) 

and 

                                      E1(y) =
e−z

zy

∞

∫ dz                      (5) 

 
where Eq. (5) is the exponential integral, and C, τ1 and τ2 are 
material constants. The dimensionless constant C represents 
the magnitude of viscous effects and is related to the 
percentage of relaxation. The time constants τ1 and τ2 
describe initial and late relaxation, respectively, relating to 
the slope of the stress-relaxation curve at early and late time 
periods. The instantaneous elastic response was described by 
the exponential approximation in Eq. (6): 
 
                                     σ e(ε) = A(eBε −1)              (6) 

 
where A and B are material constants [4]. The constant B 
represents the rate of change of the slope of the stress-strain 
curve and the product AB is the initial slope of the curve.  
Utilizing the methodology proposed by Abramowitch et al 
[2], we considered the use of slow strain rates during the 
loading phase of a stress relaxation test. This method showed 
a unique solution that was minimally sensitive to systematic 
and random experimental noise. Substituting Eqs. (4) and (6) 
into Eq. (3), the stress resulting from elongating the sample 
with a constant strain rate γ over the time 0 < t < t0 was: 
 

σ (t) =
ABγ

1+C ln(τ 2 / τ1)
1+C E1

t −τ
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(7) 
Similarly, the stress relaxation from t0 to t = ∞ was: 
 

σ (t) =
ABγ
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(8) 

D. Parameters estimation and validation 

On the basis of the minimal strain rate sensitivity of stress-
strain curve for ligaments, constant A was determined by 
curve-fitting Eq. (6) to the experimental stress–strain data 
obtained from the loading portion of the stress relaxation 
experiment. Constants B, C, τ1 and τ2 were obtained 
substituting constant A in Eq. (7) and Eq. (8) using 
simultaneously curve fitting of the experimental stress-time 
data of the loading and relaxation portions of the stress 
relaxation test. For nonlinear optimization, this study utilized 
a modified Levenberg–Marquardt algorithm [2].  
To validate our results, the constants obtained with the stress-
relaxation experiment were used in Eq. (3) to predict the 
theoretical peak stresses at every cycle (determined on the 
basis of an approximated cyclic strain–time history) from a 

separate cyclic stress relaxation test [4]. These peak stresses 
were then compared to those obtained experimentally during 
the cyclic stress-relaxation test. 

III. RESULTS 

The obtained constants are summarized in Table I. 

At the end of the loading phase, the corresponding stress was 
4.1 ± 3.2 MPa and presented a non-linear trend. Most of the 
relaxation occurs within the first 20 minutes. After 60 
minutes, the total stress relaxation was 32,7 ± 4,7%. The 
QLV theory allows a proper fit of the experimental data for 
each sample evaluated with a R2 = 0,993 (Fig. 3). τ2 measured 
more than three order of magnitude larger than τ1, suggesting 
that the assumption of a continuous relaxation spectrum is 
valid. For validation, the constants A, B, C, τ1 and τ2 obtained 
from the strain history approach could accurately describe the 
experimental data of the cyclic stress relaxation test for each 
specimen. Fig. 2 shows that the average peak stresses of 
theoretically predicted values closely match the average 
experimentally measured values.  Error between the 
prediction and experimental data ranged from 0.5% to 3.1% 
for the best prediction and 9.7% to 17.4% for the worst one. 
In general, the prediction of the initial peak stress was the 
most erred for all specimens and the average error for this 
peak measured 6.5 ± 6.1% across all specimens. 

IV. CONCLUSIONS 

The obtained results demonstrate that the QLV theory could 
be successfully used to describe the viscoelastic behavior of 
the human medial patello-femoral ligament. Utilizing the 
methodology proposed by Abramowitch et al that involves 
the use of slow strain rate during the loading phase of a stress 
relaxation test, the five constant of QLV theory were 
determined. The study of the viscoelastic properties is 
fundamental to understand the contribution of the medial 
patello-femoral ligament as patellar stabilizer and for the 
selection of methods of repair and reconstruction. 
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TABLE I 
CONSTANT ESTIMATION 

 A 
(MPa) 

B C τ1 
(s) 

 

τ2 
(s) 

 
Mean 1.21 26.03 0.11 6.32 903.5 

SD 0.96 4.16 0.02 0.02 504.7 
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Fig. 2.  Isolated ligament Stress relaxation  

test setup 

 
Fig. 1.  MPFL dissected specimen 

Fig. 3.  Typical curve fitting of the experimental data with the QLV theory 

 

 
Fig. 4.  Best prediction of peak stresses of a cyclic loading history based on the constant obtained from the stress relaxation 

experiment using the strain history approach for individual specimens 
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Abstract— The aim of the present study was to investigate the 
biomechanical efficacy of prophylactic augmentation in 
preventing fracture of non-fractured vertebral bodies.  More 
specifically, as there are hints that the effect of augmentation 
depends on the quality of augmentation itself, we aimed at 
identifying which operator-dependent factors make 
prophylactic augmentation effective/ineffective in reducing the 
risk of fracture. Non-destructive and destructive tests were 
carried out on single vertebrae of 5 sets of three adjacent 
vertebrae. The central vertebra was tested in the natural 
condition as a control, while the two adjacent vertebrae were 
tested pre- and post- prophylactic augmentation.  A subset of 
specimen was instrumented with strain gauges. CT imaging 
again augmentation was performed to assess the quality of 
augmentation. Prophylactic augmentation increased the force 
and work required to completely destroy the vertebrae in all 
specimens.  However, the first-failure event in 5 augmented 
specimens occurred with a force and work lower than the 
control specimens. Vertebral strength augmentation was 
influenced strongly by the kind of surgical access, the cement 
distribution inside the vertebral body, and the volume fraction 
of cement injected. In summary, this study shows that 
prophylactic augmentation avoids complete collapse of the 
vertebra in all cases.  However, inadequate augmentation 
increases the risk of partial fractures.  The positive/detrimental 
effect depends on a combination of factors describing the quality 
of augmentation.  

Keywords—Prophylactic augmentation, vertebral body, in 
vitro mechanical testing, strength. 

I. INTRODUCTION 
There are cases in which vertebrae are at high risk of fracture, 
such as in with low bone mineral density or metastatic lesion. 
One prophylactic strategy that has recently been proposed as 
a mechanism for reducing fracture risk is the mechanical 
reinforcement of the vertebral body by injection of a foreign 
augmentation material.  This treatment is meant to increase 
vertebral failure strength in selected weaker vertebrae [1]. 
While many studies have been undertaken to investigate the 
biomechanical effects of vertebroplasty on fractured single 
vertebral bodies [2-4] or spine segment [1], [5]-[6], very little 
data exist regarding the effect of prophylactic augmentation 
on non-fractured vertebrae. The aim of the present study was 
to investigate the biomechanical efficacy of prophylactic 
augmentation on non-fractured vertebral bodies to prevent 
vertebral fractures.  More specifically, we wanted to identify 
those operator-dependent factors that make prophylactic 
augmentation effective/ineffective in reducing the risk of 
fracture.  For this reason, the stiffness, strain distribution and 
strength of the natural and augmented vertebrae were 
measured in vitro. 

II. MATERIALS AND METHODS 
Non-destructive and destructive tests were carried out on 
non-treated and augmented vertebrae under axial and 
torsional loading (Fig.1).  Tests were performed on 5 sets of 
three adjacent vertebrae, to enable comparison between 
matching vertebrae (augmented vs non-treated control): 
• The central vertebra of each set served as a control and 

was tested non-destructively and destructively only in the 
non-augmented condition.   

• The two adjacent vertebrae were subjected to prophylactic 
augmentation: they were tested non-destructively both 
before and after augmentation, while destructive test was 
carried out in the augmented state. 

All the surrounding soft tissues were removed, including the 
ligaments. Three specimens were instrumented with 8 strain 
gauges each, equally spaced around the vertebral body, at 
mid-height. Augmentation was performed on nine vertebrae 
after non-destructive pre-augmentation mechanical testing. 
Specimens were CT-scanned again post-augmentation to 
assess the amount and distribution of cement inside the 
vertebral body. The following indicators were obtained from 
the augmentation files and the CT-scans: 
• Access (uni-pedicular, bi-pedicular); 
• Volume of cement injected; 
• Degree of filling of the vertebral body (injected volume / 

volume of the vertebral body); 
• Para-vertebral leakage (yes, no); 
• Placement in the sagittal plane (centered, in contact with 

the anterior cortical shell); 
• Distribution in a transverse plane (One-mass or Two-

masses); 
• Sphericity of fill (Sphere, ellipse or diffuse); 
• Achievement of endplate contact (none, one, both). 

The following data were extracted from the load-
displacement curves of the destructive tests, which differed 
between specimens, according to the augmentation quality: 
• The first-failure event was defined as the 0.2% offset of 

the load-displacement curve; 
• Ultimate load was defined as the point after which load 

fell to less than 50%; 
• The work required to reach the first-failure event and the 

ultimate load was computed for each specimen; 

III. RESULTS 
In axial-compression, the augmented vertebrae were on 
average only 3% stiffer (range -45% to +32%: only 5 
vertebrae out of 9 were stiffer) than in the pre-augmented 
condition (p=0.86). In torsion, the augmented vertebrae were 
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on average only 9% stiffer (range -19% to +39%) than in the 
pre-augmented condition (p=0.17). Differences between 
strain measurement locations were not significant for the 
magnitude and direction of principal strains (p>0.3).  
The magnitude of the principal strains measured during the 
non-destructive testing in the same vertebra after 
augmentation was on average lower than before 
augmentation. For axial-compression, the principal 
compressive strain decreased on average by 18% due to 
augmentation (p=0.0002).  The principal tensile strain 
decreased on average by 59% (p=0.75). In torsion, both 
principal strain components decreased on average by 12% 
(p<0.01). For axial-compression, the direction of principal 
strains (nearly aligned with the vertebral body) varied on 
average by 6° (p=0.73). In torsion, the direction of principal 
strains  (close to +/-45° from the anatomical axis) varied on 
average by 6° (p=0.0007).  
During the destructive tests the augmented vertebrae showed 
the first-failure event at a force that was on average 121% of 
the controls (p=0.37) (Fig.2).  Four specimens out of nine 
started failing with a force that was larger (119% up to 237% 
of the controls) (Fig.2).  However, five specimens started 
failing with a force that was slightly lower (77% to 94% of 
the controls) (Fig.2). The work required by the augmented 
vertebrae to reach the first-failure event was on average 
155% of the controls (p=0.26) (Fig.2).  Seven specimens out 
of nine started failing with a work that was larger (104% to 
399% of the controls) (Fig.2).  However, two specimens 
required less work to start failing (75% to 98% of the 
controls) (Fig.2). The ultimate force of the augmented 
vertebrae was on average 295% of the controls (consistently 
higher for all specimens, range: 169% to 541%, p=0.008) 
(Fig.2). The work up taken by the augmented vertebrae to 
reach the ultimate failure was on average 280% of the 
controls (consistently higher for all specimens, range: 156% 
to 598%, p=0.008) (Fig.2). 
In an attempt to understand the reason(s) for the large 
variability of the mechanical outcome of augmentation, 
correlation between the augmentation parameters and the 
mechanical outcome was assessed:  
• Access: the specimens prepared with a uni-pedicular 

access had higher first-failure force and work, as well as 
higher ultimate force and work than the bi-pedicular ones; 

• Degree of filling: the specimens whose vertebral body 
was filled by more than 25% had higher first-failure and 
ultimate force and work than those filled less than 25%;  

• Para-vertebral leakage: the specimens with leakage had 
lower first-failure and ultimate force and work, as well as 
higher ultimate force and work; 

• Placement in the sagittal plane: the specimens in which 
the cement mass was in contact with the anterior cortical 
shell had higher first-failure and ultimate force and work; 

• Distribution in a transverse plane: the cases where the 
cement formed a unique mass had higher first-failure and 
ultimate force and work than when the cement formed 
two separate masses;  

• Sphericity of fill: the ellipsoid was associated with higher 
first-failure force, and ultimate force and work; a 
spherical cement mass was associated with the highest 
first-failure work. 

• Endplate contact: achievement of contact with both 
endplate was associated with an increase of all 
magnitudes, except the first-failure force. 

IV. DISCUSSION 
While the biomechanical effects of vertebroplasty on 
fractured vertebrae has been thoroughly investigated, very 
little data exist regarding the effects of prophylactic 
augmentation on non-fractured vertebrae.  The aim of the 
present study was to investigate the biomechanical efficacy 
of prophylactic augmentation in preventing fractures of a 
non-fractured vertebral body.  In particular, this study 
identified which operator-dependent factors make 
prophylactic augmentation effective/ineffective. Our findings 
show that, prophylactic augmentation increased in all 
specimens the force and work required to completely destroy 
the vertebrae.  However, the first-failure event (which is in all 
cases associated with some undesirable stage of damage) in 
five specimens occurred with a force and work lower than the 
control specimens.  This indicates, while in all cases 
prophylactic augmentation reduced the risk of complete 
failure, in some cases prophylactic augmentation increases 
the risk of partial failure. A correlation between some 
indicators of the quality of augmentation, and the 
strengthening/weakening effect with respect to the first-
failure event showed that the strength of augmented vertebrae 
increased for uni-pedicular approach, when the cement 
distribution formed a single ellipse-shaped mass in the 
transverse plane versus an anterior position in the sagittal 
plane and was in contact with at least one endplate.  

V. CONCLUSION 
In summary, this study shows that prophylactic augmentation 
avoids complete collapse of the vertebra in all cases.  
However, inadequate augmentation increases the risk of 
partial fractures.  The positive/detrimental effect depends on 
a combination of factors describing the quality of 
augmentation.  
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Fig. 1: – In vitro loading setup: the superior and inferior endplates of the vertebra (V) were potted with acrylic cement in two aluminum pots 
(P).  Load (axial force or torsion) was delivered to the specimen by the actuator of the testing machine (A), through a lockable ball-joint (B).  
The specimen was mounted on top of the six-component load cell (LC, partially hidden by a polyethylene protection). 

 
 

                      
Fig. 2: – Mechanical outcome of augmentation: the values of stiffness, force and work to the first-failure event and to ultimate failure are 
plotted for the augmented vertebrae as a fraction of the adjacent control.  The average and standard deviation (all specimens pooled together) 
are represented in bar chart form, together with the individual data points.  A value of 100% indicates no variation with respect to the control; 
a value larger than 100% indicates that augmentation increased the strength/toughness of the vertebral body. 
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Abstract — Two categories of valve prostheses are currently 
available: mechanical and biological valves. The former show 
longer duration performances, on the other hand they induce 
high pressure drops during operation. The latter have preferable 
fluid dynamic performances but do not display high durability. 
The potential of Polymeric Heart Valves (PHV) is to combine the 
haemodynamic properties of biological valves with the durability 
of mechanical valves. This work present a hydrodynamic 
evaluation of two groups of newly developed supra-annular tri-
leaflet prosthetic heart valves made from styrenic block co-
polymers. The two types of PHVs were tested under continuous 
and pulsatile flow conditions as prescribed by ISO 5840 
Standard. A specially designed pulse duplicator allowed testing 
of the valve prototypes at different flow rate and frequency 
conditions. 

Keywords—Heart Valve, pulse duplicator, pulsatile flow, 
styrenic block co-polymer. 

I. INTRODUCTION 

The aim of PHV prototypes is to replicate the function of 
native heart valves, bio-inspired PHVs may mimic not only 
shape, but also structural properties. Styrenic block co-
polymer elastomers may have a suitable micro-morphology 
which may mimic the structure function of anisotropic 
collagen in the native valve. The arrangement of these micro 
domains can be optimized to enhance valve durability under 
physiological stress during the cardiac cycle. 
A computational model based on the experimentally 
determined mechanical properties of the polymer [1], was 
developed using finite element analysis of a single leaflet. This 
FEM provided boundary and stress conditions that minimise 
the state of stress and therefore optimises the orientation of the 
micro-morphology. PHVs prototypes were produced by 
compression moulding technique. The aim of this work is to 
characterise the performance of styrenic block-copolymer 
PHVs under continuous and pulsatile conditions. 

II. MATERIAL AND METHODS 

PHVs prototypes were manufactured by compression 
moulding technique from two different material:  

 Group A: poly(styrene-isoprene/butadiene-styrene) 
block copolymers with 19% wt polystyrene fraction 

 Group B: poly(styrene-isoprene-styrene) block 
copolymers with 30% wt polystyrene fraction 

16 PHVs, were tested in total, 8 PHVs from Group A and from 
Group B. The tests were performed under continuous and 
pulsatile flow as recommended by ISO5840 Standard.  
The experimental test bench used to evaluate PHVs’ 
performance in continuous flow conditions (Fig. 1) comprised: 
a reservoir, a conventional centrifugal pump and a PHVs 

housing unit designed according to the guidelines of the 
ISO5840 Standard. 
The valves were tested at flow rates ranging from 0 to 10 l/min 
in increments of 0.5 l/min. Transvalvular pressure drop was 
measured at different times in order to verify the repeatability 
of the tests. Three measurements were acquired for each valve. 
The experimental setup for the regurgitation test comprised of 
a housing for the valve (the same as in the continuous flow 
tests); a reservoir positioned at the valve level to provide a 
constant pressure upstream the valve, and a reservoir placed at 
different heights to vary the backpressure on the valve. 
During testing the height of the reservoir was changed to 
provide a backpressure in the range of 28 mmHg to 128 mmHg 
(5 mmHg steps). Regurgitation rate at each backpressure was 
determined and used to calculate the mean regurgitation rate 
for each valve. 
The circuit specifically designed and built up to perform tests 
under pulsatile flow is shown in Fig. 2. 
The pulse duplicator consists of the following elements: the 
driving system made of a piston pump; the ventricular element, 
simulating the left ventricle; the aortic valve housing; the 
Resistance-Compliance-Resistance (RCR) analogue to 
replicate the peripheral compliance and the resistance (aortic 
and peripheral) of the cardiovascular system; the reservoir 
simulating the left atrium and the mitral valve housing (the 
same used for the continuous flow tests). 
The pumping system was controlled by a software that allows 
the user to set different flow rate waveforms or different 
frequencies. The systolic flow rate was replicated by the 
Swanson and Clark waveform [2] while a modified Talukder 
and Reul waveform [3] was used to produce the diastolic 
waveform. The pumping system was filled up with distilled 
water according to ISO5840 Standard. 
The PHVs were tested under different flow rates and 
backpressures, as required by the ISO5840 Standard. 
Transvalvular pressure drop was measured at a constant 
frequency (70 bpm) and variable flow rate (2 l/min, 3.5 l/min, 
5 l/min and 7 l/min). Regurgitation volume was determined by 
testing each valve at a mean flow rate of 5 l/min at three 
different frequencies (45 bpm, 70 bpm, 120 bpm). At each 
frequency three backpressures were tested (80 mmHg, 120 
mmHg, 160 mmHg). Each valve has been tested for at least 15 
consecutive cycles at each test condition. 
Continuous and pulsatile flow tests were performed using 
distilled water at 25°C. 

III. RESULTS AND DISCUSSION 

The dimensions of the tested PHVs are shown in Fig. 3. The 
significance of the statistical difference between the two 
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groups (p<0.01) was evaluated using a two sample location 
Student’s t-test. 

A. Continuous Flow test 

Group A showed a lower mean transvalvular pressure drop 
(8.36 ± 1.33 mmHg) than group B (15.26 ±1.87 mmHg). A 
statistically significant difference between the two groups was 
found (p = 3.2e-4) (Fig. 4). According to these data, Group B 
valves showed to be stiffer than Group A valves, as expected, 
due to higher polystyrene fraction within the material. 
Also the mean regurgitation displayed by Group A valves is 
lower (175.3 ± 19 ml/min) than Group B valves (264 ± 26 
ml/min), but in this case no statistically significance is given 
by the p value (p = 0.077) (Fig. 5).  
Thus, the polystyrene content of the material does not seem to 
affect regurgitation. The slight different regurgitation (Fig. 6) 
between the two groups may be ascribed to the different 
leakage area formed during the closing phase of the leaflets. 

B. Pulsatile Flow Test 

All the PHVs exceed the minimum performance requirements 
provided in ISO5840 Standard (Table I). 
 

 
 
 
 
 
 
 
 
 
 
 

 
Tests showed that the mean transvalvular pressure drops 
recorded in Group A were statistically lower (12.20 ± 1.41 
mmHg) than the one recorded in Group B (17.09 ± 3.39 
mmHg) (p = 0.0019).  
Also the maximum transvalvular pressure drops were 
statistically different (p = 3.3e-05) in Group A and Group B. 

Group A: 30.09 ± 4.7 mmHg; Group B: 43.98 ± 4.52 mmHg. 
Mean regurgitation volume was comparable within the two 
groups (7.13% ±1.33% group A versus 6.60% ± 0.94% group 
B), but with no statistical significance (p > 0.05). 
The results of this work showed that the performances of 
PHVs under pulsatile tests (Fig. 7) are comparable with those 
of some bi-leaflet mechanical prostheses currently on the 
market [4], having a comparable tissue annulus diameter 
(TAD) (Table II). 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

IV. CONCLUSION 

An experimental hydrodynamic evaluation of PHVs 
manufactured from block copolymers with different 
polystyrene fractions has been performed (under steady state 
and pulsatile flow conditions). The result demonstrate that the 
transvalvular pressure drop is directly related to the rigidity of 
the heart valve leaflets, indicated by the percentage of 
polystyrene (19% or 30%) in the material, and is statistically 
lower for PHVs with 19% of polystyrene.  
No statistical differences were found between the two Groups 
in static and dynamic regurgitation tests. 
However, all the 16 PHVs met the minimum requirements 
specified in ISO5840 Standard, in terms of both regurgitation 
and EOA (Table I), demonstrating their effectiveness. Further 
design improvements are ongoing to minimise regurgitation 
and maximise EOA. 

REFERENCES 
[1] Stasiak J, Moggridge G D, Zaffora A, Pandolfi A and Costantino M L. 

Engineering orientation in block copolymers for application to 
prosthetic heart valves. Functional Material Letters Vol.3, No. 4(2010) 
249-252. 

[2] Swanson W.M., Clark R.E., “A simple cardiovascular system simulator: 
design and performance” Journal of Bioengeneering, 1976; 1: 135-45; 

[3] Talukder N., Reul H., “Fluid mechanics of natural cardiac valves”, The 
Arterial System Dynamics, 1978; 269:274. 

[4] Bottio T., Caprili L., Casarotto D., Gerosa G., “Small aortic anulus: the 
hydrodynamic performance of 5 commercially avaible bileaflet 
mechanical valves”, The Journal of Thoracic and Cardiovascular 
Surgery, 2011; 128(3): 457-462. 

TABLE I 
PERFORMANCES OF PHVS  

 
Regurgitation 

[% stroke volume] 
EOA 
[cm2] 

ISO 5840 <10% >1 

Valve 1 19% styrene 6.08 ± 0.10 1.52 ± 0.16 

Valve 2 19% styrene 7.44 ± 0.10 1.50 ± 0.17 

Valve 3 19% styrene 7.93 ± 0.9 1.37 ± 0.25 

Valve 4 19% styrene 5.93 ± 0.10 1.36 ± 0.10 

Valve 5 19% styrene 9.84 ± 1.47 1.41 ± 0.11 

Valve 6 19% styrene 5.97 ± 0.15 1.39 ± 0.36 

Valve 7 19% styrene 7.26 ± 0.13 1.43 ± 0.28 

Valve 8 19% styrene 6.53 ± 0.07 1.58 ± 0.14 

Valve 1 30% styrene 6.84 ± 0.13 1.23 ± 0.10 

Valve 2 30% styrene 6.15 ± 0.18 1.04 ± 0.04 

Valve 3 30% styrene 7.16 ± 0.20 1.13 ± 0.06 

Valve 4 30% styrene 8.10 ± 0.12 1.16 ± 0.08 

Valve 5 30% styrene 7.45 ± 0.18 1.16 ± 0.12 

Valve 6 30% styrene 5.47 ± 0.09 1.39 ± 0.08 

Valve 7 30% styrene 6.04 ± 0.10 1.25 ± 0.11 

Valve 8 30% styrene 5.57 ± 0.13 1.29 ± 0.09 

 
The table shows the ISO5840 specifications vs PHVs performances. The 
ISO5840 specifications correspond to the following pulsatile flow 
condition: beat rate = 70 cycle/min, simulated cardiac output = 5.0 l/min, 
mean aortic pressure 100 mmHg and systolic duration = 35%. 

TABLE II 
COMPARISON OF PERFORMANCES BETWEEN PHVS AND 5 COMMERCIALLY 

AVAILABLE BI-LEAFLET MECHANICAL VALVES 

 
Regurgitation 

[% stroke volume] 
MSPD 

[mmHg] 

GROUP A 7.13 1.33 12.20 ± 1.41 

GROUP B 6.60  0.94 17.09 ± 3.39 

ATS  11.00  1.51 15.28 ± 2.96 

Carbomedics Top Hat 10.76 ± 0.76 15.05 ± 2.05 

On-X 9.23 ± 1.89 14.47 ± 4.33 

SJM Regent 12.34 ± 2.30 8.69 ± 0.82 

Sorin Bicarbon Slimline 6.20 ± 1.26 10.42 ± 2.21 

Table showing the hydrodynamic performances of the two groups of valves and 
commercially available bi-leaflet mechanical valves in the following pulsatile 
flow condition: beat rate = 70 cycle/min, simulated cardiac output = 5.0 l/min, 
mean aortic pressure 100 mmHg and systolic duration = 35%.  
MSPD: mean systolic pressure difference. 
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Fig. 1.  Outline of the experimental set up for continuous flow tests. Shown 
on the diagram are the locations of upstream and downstream pressure 
measurements, the flow rate measurement location and the observation point 
from which pictures of the valve opening at each flow rate were taken. 
 

Fig. 2.  Schematic of the experimental set-up used for the pulsatile flow tests. 
Shown on the diagram are the locations of upstream and downstream 
pressure measurements, the flow rate measurement location and the 
observation point from which pictures of the valve opening were taken. 
 

 

 
Fig. 4.  Comparison of transvalvular pressure drops in continuous flow tests 
between the two Groups of valves (mean among 8 valves). 

 

 
 
Fig. 5.  Comparison regurgitation in continuous flow tests between the two 
Groups of valves (mean among 8 valves). 

 

 
 
Fig. 7.  Pressure and flow courses of the PHV. The picture on the right shows the maximum opening of the leaflet at the peak flow. 

 
 

 
 
Fig. 6.  Pictures of two PHVs (top valve #5 of group A; bottom valve #4 of 
group B) during static regurgitation tests, at two different backpressure (28 
mmHg on the left and 128 mmHg on the right). 

Backpressure 
28 mmHg 

Backpressure 
128 mmHg 

 
 

 
 
 
Fig. 3.  Sketch (left) and picture (right) of a PHV. The dimensions are: h 
leaflet = 10.7 ÷ 10.9 mm; h tot = 21 mm; D int = 22 mm; D ext = 28 mm; 
Tissue Annulus Diameter (TAD) = 22 mm; thickness leaflet = 0.36 ÷ 0.42 
mm. 
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Abstract—The onset of thromboembolic phenomena in blood 
contact devices (BCDs) is still a relevant concern in the 
cardiovascular field. In this work, we present a methodology 
that combines multiscale computational analyses with 
experimental techniques, that enables the evaluation of flow-
induced thrombogenic potential of BCDs. This methodology was 
applied to a sample case study, featuring a hollow-fiber 
membrane blood oxygenator with integrated heat exchanger. 
The suitability of this approach as an effective tool for BCDs 
design has been successfully demonstrated: specifically, results 
provided a-priori indications for design optimization, allowing 
to reduce time and costs associated to physical prototyping and 
testing. 
Keywords—computational fluid dynamics, multiscale 

analysis, device thrombogenicity, device thrombogenicity 
emulator. 

I. INTRODUCTION 

n industry, current criteria for the design of blood 
recirculating devices (BRDs) used in extracorporeal 

circulation (ECC) are mainly focused on macroscale 
parameters, such as the minimization of pressure losses and 
priming volumes, and on the optimization of gas and heat 
transfer efficiency. The typical industrial design approach is 
still largely based on time-consuming empirical tests, and the 
device fluid dynamics is mainly investigated using 
experimental techniques. 
Currently, one of the major challenges in ECC device design 
is the minimization of flow-induced platelet activation, which 
is a major precursor of thromboembolic complications [1]. 
Flow-induced platelet activation is a complex phenomenon 
that takes place at different length and time scales that are 
challenging to couple. In the last decade, computational fluid 
dynamics (CFD) methods have proven their effectiveness in 
the design process of a wide range of BRDs for ECC [2]; the 
advantages of CFD reside in its capability to evaluate the 
performance of a device at an early stage of the design 
process, thus reducing the costs and time needed to 
manufacture and test physical prototypes. The design process 
of BRDs should be oriented to minimize platelet activation 
phenomena; in particular, the optimization of the blood flow 
path geometries, aimed at the reduction of dangerous flow 
patterns, would help reducing the onset of flow-induced 
platelet activation. Although this concept is well consolidated 
in the scientific literature [3], utilization of thrombogenicity-
oriented design criteria is still not common practice in 
industry. 
The present work aims at introducing a complete modeling 
strategy, that couples macroscale and microscale flow effects 
on platelets, for the design optimization of BRDs for ECC, 
focusing on hollow-fiber membrane oxygenators and blood 
heat exchangers. 

II. MATERIALS AND METHODS 

Hollow-fiber membrane oxygenators (OXY) and polymeric 
heat exchangers (HE) for blood are characterized by the 
presence of an inner core composed of micrometric 
polymeric fibers, in which gas and heat exchange occur. The 
sole macroscopic approach is unsuitable to capture the actual 
microscopic flow phenomena that occur at the fibers level, 
and thus to assess the extent of the viscous stresses associated 
with these phenomena. The modeling strategy here presented 
combines a macroscale quantification of the velocity and 
pressure fields with a microscale analysis at the fiber level, in 
order to achieve a complete description of the fluid-dynamic 
behavior of ECC devices [4].  
Moreover, CFD simulations were integrated with a transient 
analysis based on a Lagrangian approach of the mechanical 
load experienced by platelet-like particles, in order to gather 
data concerning the stress history experienced by blood after 
repeated recirculation within the device. From these data, 
representative shear stress loading waveforms were selected 
to be reproduced in vitro. Selected shear stress loading curves 
waveforms were then programmed into a Hemodynamic 
Shearing Device (HSD) that replicated the stress histories on 
human platelet samples, in order to quantify the amount of 
shear-induced platelet activation [5]. 

A. Macroscale analysis 
 CFD simulation was performed to assess the pressure and 
velocity fields within the OXY and HE and to determine their 
macroscopic shear stress distribution. The rheological 
properties of the working fluid approximated the behavior of 
blood at 34% hct, a representative condition during ECC, 
with density ρ equal to 1,052 kg/m3 and shear-rate dependent 
viscosity, through the power-law model proposed by Ballyk 
[6]. The viscous k-ω turbulence model with low Re 
corrections was adopted, while laminar flow conditions were 
assumed in the fiber bundles. Steady-state analyses were 
performed using the SIMPLE method for pressure-velocity 
coupling with a second order upwinding scheme. 

B. Microscale analysis 
A geometrical replication of a fiber bundle subunit, 
characterized by periodical arrays of two-layered microfibers, 
was used to accurately compute the shear stress that acts on 
the blood flowing within the fiber bundles. Fully developed 
laminar flow around the fibers was modeled using periodic 
boundary conditions that were assigned to all the external 
walls of the repetitive subunit. 
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C. Lagrangian particle tracking 
Once convergence was reached for the steady-state 

solution, neutrally buoyant spherical particles (D = 3μm) 
representing the platelets were injected into the fluid domain 
at the inlet section. A transient two-phase simulation was 
performed to evaluate the time-dependent shear stress acting 
on the platelets through a discrete phase modeling (DPM) 
approach, allowing identification of the trajectory and 
loading history of each particle flowing through the device in 
a Lagrangian reference frame. A fully coupled approach was 
adopted to account for the mutual influence between the fluid 
and the platelets. This approach solves the discrete and 
continuous phase equations alternately until the solutions in 
both phases converge.  

The shear stress along each particle trajectory was exported 
and its related linear stress accumulation (SA) [7] has been 
calculated, as in Eq. (1) 

         (1) 

where τ is the shear stress along a single trajectory, obtained 
by summing the macroscale and the microscale contributions.  
In order to identify a limited number of device-specific 
trajectories, the probability distribution function of SA has 
been considered: indeed, SA distribution can be seen as a 
synthetic description of the overall flow-related 
thrombogenic potential of the device. 

D. Experimental setup 
Three device-specific trajectories were selected from the 

numerical simulations and replicated in vitro through a 
hemodynamic shearing device (HSD), i.e. a device 
combining the cone-and-plate and Couette viscometer 
features, designed to emulate dynamic shear stress conditions 
on platelet samples. Following previously-published 
protocols [8], gel-filtered platelets were extracted from whole 
human blood and exposed to device-specific loading 
waveforms. Activated platelet samples were assayed using 
the modified prothrombinase-based assay and thrombin 
generation, expressed as change in absorbance per unit time, 
and quantified using a spectrophotometer. 

III. RESULTS 

In fig. 1 (left panel) the fluid domain of the OXY and HE 
macroscale model is shown and the three selected device-
specific trajectories are depicted: they correspond to the 10th, 
50th and 90th percentile of SA probability distribution 
function; in the right panel a magnification of the microscale 
model of HE fiber bundle is represented, where platelet 
trajectories within the fibers are shown. 
The contour maps of velocity and shear stress distribution 
within the HE fibers obtained from the microscale analysis 
are displayed in fig. 2 and 3, respectively. The CFD analyses 
revealed the presence of a non-uniform distribution of shear 
stress and velocity within the fiber bundles, with a shear 
stress ranging from 0.093 Pa and 0.18 Pa at the maximum 
distance from the fiber walls, to a maximum value of 13 and 
23 Pa at the fiber walls in the HE and OXY, respectively.  
From the HSD tests, the platelet activation state (PAS) and 
rate was obtained for the three selected loading waveforms. 
For each time point, PAS was normalized with respect to the 

maximum level of PAS, obtained by sonication (fig. 4), thus, 
all PAS values are expressed as a fraction of the thrombin  
generation of fully activated platelets. 

IV. CONCLUSION 

This work presented a composite methodology which 
combines multiscale numerical models with experimental 
techniques to measure flow-related device thrombogenicity. 
The method was applied to the fluid-dynamic 
characterization of hollow-fiber membrane oxygenators and 
polymeric heat exchangers for blood, and allowed the 
prediction of thrombogenicity effects of a given device due to 
design modifications, thus limiting the need for expensive 
and time-consuming experiments on physical prototypes, and 
costly preclinical and clinical trials. 
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Fig. 1.  3D CAD geometry of the multiscale model with a magnification of the microscale model of a fiber bundle subunit. 

 
Fig. 2.  Contour maps of velocity magnitude in three transversal and two longitudinal sections of the microscale HE 
model. 

 
Fig. 3.  Contour maps of scalar stress in three transversal and two longitudinal sections of the microscale HE model. 
 

 
Fig. 4.  PAS normalized, measured at different time points after the application of three representative loading 
waveforms derived from multiscale CFD simulations. 



Abstract—Treatment of stenotic lower limbs is commonly 
performed using Nitinol peripheral stents. However, the large 
and cyclic deformations of the femoral arteries might cause 
long-term failure of the implanted device. Finite element 
analysis (FEA) may be a useful tool to study the in vivo stent 
fatigue behavior. A preliminary investigation to verify the 
predictive capability of fatigue computational analyses should 
be performed using simple and well-controlled experimental 
tests. This study consists of a combined numerical-experimental 
activity, aimed at the validation of the fatigue FEA. In 
particular we experimentally investigated the fatigue behavior 
of a commercial stent when subjected to cyclic axial 
compression, in the expanded configuration and after the 
implantation in a silicon tube, resembling the arterial vessel. An 
experimental set-up to impose the tube pre-stretch (10% of the 
tube length) in a controlled way was developed. The 
experimental tests were reproduced by means of FEA. The 
numerical results were compared with experimental evidences 
and revealed good agreement. 

Keywords—Nitinol, stent fatigue, peripheral arteries, FEA 
validation 
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Abstract— In the literature it has long been demonstrated that a 
simple model of passive walker with stiff limbs is able to 
accurately describe pendulum-like mechanism underlying the 
human locomotion [1]. Moreover the model with flexible limbs 
correctly represent also the phase of double support, and to 
reproduce the ground reaction force [2].  

However, among the models proposed so far, no one takes 
into account the dissipative effects that necessarily occur during 
the human gait. The main objective of this work is to investigate 
the asymptotic stability of a mathematical model of a passive 
walker provided with elastic and damping elements, using a 
Poincarè Map. The second objective is instead to validate the 
model using data available from literature [4]. In particular we 
looked at a group of people with average mass of 61.7 kg, 
average legs’ length of 0.86 m and that was walking at 0.87 m/s . 
When the input parameters of the model are l0 = 0.86 m, m = 
61.7 kg we obtained asymptotically stable solutions of walking at 
an average speed of v = 0.88 m/s . 

Keywords—passive walker, damping, model. 

I. INTRODUCTION 

uman locomotion is a very efficient motor task and 
allows the forward progression of the center of mass by 

taking advantage of the inverted pendulum mechanism [1]. 
As matter of fact, an inverted pendulum model with rigid legs 
is able to walk along an inclined plane with a stable dynamics 
and reproduces the trajectory of the center of mass like for 
the human gait [3]. However, this “simple” model does not 
correctly describe the interaction between foot and floor (i.e., 
ground reaction force; GRF), and the resulting gait does not 
show a double support phase. Geyer and colleagues 
introduced a compliant spring-based walking model in order 
to overcome previous limitations [2]. They observed that this 
paradigm can correctly reproduce both the GRF patterns and 
the timing of the gait cycle. Despite of this, their model is 
fully conservative, that is, it cannot emulate any eccentric 
work achieved during the gait cycle. The present work aims 
at investigating the behaviour of a passive walker provided 
with compliant legs constituted by the parallel of spring and 
damping elements (Figure 1). The main goal consists in 
verifying whether this approach is able to reproduce both 
kinematics and kinetics features of the gait cycle of young 
subjects while walking at three different speeds: 0.63 ± 0.08, 
0.87 ± 0.06 and 1:14 ± 0.09 m/s. Anthropometric features of 
the model (i.e., mass m = 61.7 kg, resting leg length l0 = 0.86 
m, and angle between legs at the heel strike β = 31; 39; 47 
deg respectively) are extrapolated from previous literature 
[4].   

II. MATERIALS AND METHODS 

The proposed model consists of a passive walker with 
telescopic compliant legs provided with a couple of spring 
and damping elements in parallel (k and b are respectively the 
elastic and the damping constant). The whole mass, m = 61.7 
kg, is concentrated in the center of gravity and the system is 
designed to walk along an inclined plane (slope γ ) in order to 
balance the energy lost due to damping element with that 
gained due to the lowering the center of mass. The dynamics 
of the single support (Figure 1, left), with respect to the (x; 
y)R reference frame, is described by the following equation:  

)sin()cos( mgAxm  (1) 

)cos()sin( mgAym  (2) 

where 22
1

1
10 ,)( yxl

dt

dl
bllkA and x; y 

are the coordinates of the center of mass. The single support 
ends when the swinging limb touches the ground with an 
angle of attack α0. This is calculated after setting the angle 
between the two legs, β , in accordance with experimental 
data (i.e., α0 = π  - β -  θ ). During the double support, b varies 
according to the dynamic of the system. The dynamics of the 
double support (Figure 1, right), with respect to the (x; y)R 

reference frame, is described by the following equation: :  

)sin()cos()cos( 0 mgBAxm  (3) 

)cos()sin()sin( 0 mgBAym  (4) 

where:  
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and d is the abscissa of the foot when it strikes the ground. 
The double support ends when the GRF related to the trailing 
leg becomes zero. The stability of the model was studied by 
using the Poincarè Map. Specifically, the return map was 
generated with state variables at the heel strike. Stable 
solutions have been looked for in a limited domain of k, β, 
and γ (i.e., k range: 18-23 kN/m; β range: 50-1000 N/(m/s); γ 
range: 0.5-13 deg).  

III. RESULTS 

The Poincarè Map allowed to identify three stable fixed 
points which related speeds, respectively 0.54 m/s, 0.88 m/s 
and 1.27 m/s, likely resembled experimental ones. These 
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solutions were obtained by setting model parameters as 
follows:

 k = 23 kN/m, β = 450 N/(m/s), γ = 1:5 deg, for the 
slowest speed. 

 k = 20 kN/m, β = 600 N/(m/s), γ = 3:5 deg, for the 
medium speed. 

 k = 21 kN/m, β = 950 N/(m/s), γ = 7 deg, for the 
fastest speed. 
 

Figure 2 shows both the trajectory of the center of mass 
(upper subplot) and the GRF (lower subplots) for the model 
walking at medium speed. The main discrepancy between 
experimental and estimated spatio-temporal parameters 
concerned the cadence and the duration of the stance phase 
(Table I). Specifically, the estimated stance phase was always 
smaller than the experimental one. Conversely, the cadence 
of the model: at slowest speed, was higher than the measured 
one; at fastest speed, was lower than the measured one.  
 
 
 
 
 

 

 

IV. CONCLUSION 

Our results showed that the proposed model is able to walk 
in stable dynamical conditions for arbitrarily long distances 
without falling or changing direction of motion (Figure 2). 
It is important to remark that, although the spring-damper 
paradigm has been already introduced by previous authors 
[5], from the best of our knowledge, this is the first case 
where its dynamical stability has been systematically 
investigated. Results also showed that the best agreement 
between estimated and measured gait parameters were 
obtained at medium speed (Table 1). At faster and lower 
speeds, the model was not able to correctly predict 
experimental data. This discrepancy may be ascribed to the 
limited domain of variables k, b, and g and suggests that 

further investigations are required to look for solutions closer 
to experimental data. Noticeably, at medium speed, results 
have been obtained with an elastic constant, k, very close to 
that measured in healthy people while walking at most 
comfortable speed (i.e., K=21850 kN/m; see [5]). Moreover, 
the oscillation of the center of mass is about 4 cm, as is the 
case of humans locomotion, and GRF are characterized by a 
patterns similar to real ones (Figure 2), even though they 
were affected by a pronounced asymmetry. On the whole, the 
proposed model is able to reproduce some of the main 
physical features of the human locomotion above all at 
medium walking speeds. Further investigations are required 
to extend these results in a wider domain.  
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TABLE I 
EXPECTED VALUES FROM LITERATURE VERSUS CALCULATED VALUES FROM 

LITERATURE 

             Low speed  

             Expected values         Calculated values 

Mean speed 
[m/s] 

0.63 ± 0.08 0.54 

Cadence 
[steps/min] 

87 ± 5 102 

Stance phase 67 ± 2 57 

Medium speed  

Expected values Calculated values 

Mean speed 
[m/s] 

0.87 ± 0.06 0.88 

Cadence 
[steps/min] 

101 ± 6 106 

Stance phase 66 ± 1 55 

High speed  

Expected values Calculated values 

Mean speed 
[m/s] 

1.14 ± 0.09 1.27 

Cadence 
[steps/min] 

113 ± 5 107 

Stance phase 65 ± 2 52 
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Figure 1: On the top: The trajectory of the center of mass in the reference system integral with it.    
On the bottom: The ground reaction force pattern along the y axis. 
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Abstract—Isogeometric Analysis (IGA) has recently emerged
as a cost-effective alternative to classical isoparametric FEM
[1]. The main feature of the method consists of using typical
CAD basis functions for both geometric description and variable
approximation. This implies the ability to describe exactly the
computational domain geometry throughout the analysis process,
and to include, at the same time, the capability to control the
basis function regularity. The aim of this work is to develop
a novel computational framework based on IGA to evaluate
the performance of commercially available carotid artery stents.
Analyses involving large deformations and different material
models (hyper elastic, shape memory alloys) are performed within
the numerical solver FEAP and its additional package for IGA.
The results obtained with IGA and standard FEM for a typical
stent bending test are compared and discussed.

Keywords—IGA, Carotid Artery Stenting, FEAP

I. INTRODUCTION

Cardiovascular diseases are the main cause of death in
western countries and they are responsible for hundreds of
thousands of early deaths world-wide. The current trend in
clinical procedures requires high-tech and minimally invasive
devices, in particular for cardiovascular applications (e.g.,
stents, valves, endoprosthesis, etc). Design, development, and
performance assessment of these devices are a natural field of
application for computational biomechanics, typically based
on numerical tools such as the Finite Element Method (FEM).
Isogeometric Analysis (IGA) has recently emerged as a cost-
effective alternative to classical isoparametric FEM [1]. The
main feature of the method consists of using typical CAD
basis functions (e.g., Non-Uniform Rational B-Splines, the so
called NURBS) for both geometric description and variable
approximation in an isoparametric fashion. This approach im-
plies the ability to describe exactly the computational domain
geometry throughout the analysis process, thus simplifying the
mesh refinement process, and to include, at the same time, the
capability to control the basis function regularity. The aim of
this work is to develop a novel computational framework based
on IGA to evaluate the performance of commercially available
carotid artery stents. Analyses involving large deformations
and different material models (elastic, shape memory alloys)
are performed within the numerical solver FEAP and its addi-
tional package for IGA. A typical experimental benchmark for
carotid artery stents, i.e., bending test, have been reproduced

numerically both using IGA and classical isoparametric FEM,
and the results have been compared and discussed.

II. NURBS-BASED IGA
This section aims at describing the trivariate NURBS

structure used for the discretization (for details please re-
fer to [1]–[3]. NURBS are obtained from B-splines, which
form a piecewise polynomial basis constructed from a non-
decreasing, real-valued vector, the so called knot vector
Ξ = [ξj1, ξ

j
2, ξ

j
3, ..., ξ

j
nj+pj+1], where j represents the j − th

parametric dimension (j = {1, 2, 3} for solid models). The
knots partition the parameter space into elements and identify
the basis features among them. Given a set of knot vectors it
is possible to recursively define the B-spline basis functions
as

Ni,0(ξ) =

{
1 if ξi ≤ ξ < ξi+ 1

0 otherwise
(1)

Ni,p(ξ) =
ξ − ξi

ξi+p − ξi
Ni,p−1(ξ) +

ξi+p+1 − ξ

ξi+p+1 − ξi+1
Ni+1,p−1(ξ) (2)

A B-Spline curve can be obtained as linear combination
between the basis functions Ni,p and the control point coordi-
nates Bi defined in Rd. The main feature of B-Splines is the
chance to have different level of continuity along the elements.
In general, basis functions of order p present p−m continuous
derivatives across the the knot ξi, i.e., the basis is Cp−m,
where m is the knot multiplicity in the knot vector. This
structure allows to increase the inter element regularity with
respect to traditional C0 FEM basis. NURBS were introduced
in order to overcome the limit of B-Splines to exactly represent
a wide range of geometric objects. A p − th order NURBS
curve is represented as

C(ξ) =

n∑
i=0

Ri,p(ξ)wiBi; Ri,p(ξ) =
Ni,p(ξ)wi∑n

i=0
Ni,p(ξ)wi

. (3)

where Bi are the control points coordinates defined in Rd,
wi are the weights, ξ is the knot representing the parametric
coordinates and Ni,p(ξ) are the p-th order B-spline basis
functions. Taking advantage of the tensor product nature of
NURBS it is possible to extend eq. 3 to trivariate solid
structures as follows

V(ξ1, ξ2, ξ3)d =

n1∑
i=0

n2∑
j=0

n3∑
k=0

Ri,p(ξ1)Sj,q(ξ2)Tk,r(ξ3)(Bi,j,k)d.

(4)
where Bi,j,k are the control point coordinates, p, q, r are the
polynomial degrees for each parametric direction and Ri,p,
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Sj,q , Tk,r, are the NURBS basis functions defined as in eq. 4
and d = {1, 2, 3} .

III. MATERIAL AND METHODS

A. Stent Model

In this study we exploited a novel computational framework
that combines the CAD software Rhinoceros v. 4.0 SR8
(McNeel and Associated, Seattle, WA, USA) with the general
purpose solver FEAP. Since no data are available from the
manufacturer, the main geometrical features of such devices
are derived from high-resolution micro-CT scans of the stent
in the delivery system (see figure 1-a). Subsequently, the
stent model to be embedded in bending analysis is generated
through the following steps:

• A planar CAD geometry (see figure 1-b), corresponding
to the unfolded stent, is generated. Subsequently a 2D
CAD surface is generated for each NURBS patch.

• The NURBS data (control points, knots and weights)
are exported as text files by mean of an in-house code
developed in VBScript;

• The final stent configuration (fig. 1-c) is obtained by
mean of an in-house code in Matlab (The Mathworks
Inc., Natick, MA, USA) and subsequently exported in a
format suitable for the solver FEAP.

The stent model (Bard ViVEXX Carotid Stent - C. R. Bard
Angiomed GmbH Co., Germany) is composed by 87 NURBS
patches for a total number of 29950 control points. Since the
aim of this work is to perform a comparison between IGA and
FEM, we extended the framework capability in order to get
in addition an equivalent FEM mesh.

B. Constitutive models

Given the comparative nature of this work, the following
constitutive models have been considered: (i) neo-Hookean
hyperelastic material; (ii) the SMA model presented by Auric-
chio et al. [4] has been implemented in a large displacement
- small strain regime.

C. Analysis setup

Following the approach proposed by Auricchio et al. [5],
the stent bending is simulated through a displacement-based
analysis under large deformation regime. A displacement of
11 mm along the Y direction was imposed for all the control
points referring to the distal extremity of the stent while
the proximal one was blocked. The deformed configuration
is depicted in fig. 2. Different refinements, both for IGA
and FEM, were considered and briefly resumed in tables
I, II and III. In particular for IGA we considered both h
(knot insertion) and k (degree elevation and knot insertion)
refinement techniques (for details, please refer to [1]).

IV. RESULTS

Reaction force at the distal extremity is the main quantity
evaluated in bending tests [6], so we used it as reference to
evaluate the convergence of the two methods. Moreover the

Mesh DOF p q r
IGA 1 29950 3 1 1
IGA 2 68175 3 1 1
IGA 3 193125 3 1 1

TABLE I
ISOGEOMETRIC ANALYSIS OF STENT BENDING: h REFINED IGA MODEL

Mesh DOF p q r
IGAP2 1 68175 3 2 2
IGAP2 2 122700 3 2 2
IGAP2 3 347625 3 2 2

TABLE II
ISOGEOMETRIC ANALYSIS OF STENT BENDING: k REFINED IGA MODEL

Mesh DOF p q r
FEM 1 16050 1 1 1
FEM 2 73575 1 1 1
FEM 3 202092 1 1 1

TABLE III
ISOGEOMETRIC ANALYSIS OF STENT BENDING: FEM MODEL

elastic energy value has been considered with the Neohookean
material (fig3-c). The results show that IGA has a better be-
havior respect to classic FEM, both considering the number of
degrees of freedom (fig3-a) and CPU time (fig3-b). Moreover
the IGA benefits result more evident when degree elevation is
applied.

V. CONCLUSION

In the present study we present a novel computational
framework able to integrate CAD models and computational
tools in order to perform IGA for the evaluation of carotid
artery stents performance. The results suggest that IGA is able
not only to represent exactly the computational domain, but
also to get better approximation of the solution with a reduced
number of degrees if freedom with respect to traditional FEM.
We think that IGA for vascular biomechanics can give, in
the next future, a crucial contribution to the integration of
medicine and numerical analysis.
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(a) (b) (c) 

Fig. 1. IGA stent generation: (a) detail of a high resolution micro-CT performed on a real stent within the delivery system ;
(b) planar CAD geometry resembling the stent design pattern; (c) IGA suitable stent model.

(a) (b) 
Fig. 2. Stent bending analysis: (a) Displacement on Y direction contour plot; (b) Displacement on Z direction contour plot.

(a) (b) (c) 
Fig. 3. Convergence of stent bending analysis: (a) SMA constitutive model reaction force versus DOF number; (b) reaction
force versus CPU time; (c) Neohookean constitutive model deformation energy versus DOF number.
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Fluid dynamics in porous scaffolds stimulated with
cyclic squeeze pressure in the S2PR bioreactor
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Abstract—In cardiac tissue engineering, the use of bioreactors
is fundamental for applying controlled mechanical stimuli on the
cells and recreate a physiological environment for cardiomyocytes
cultures. This work is focused on an innovative Sensorized
Squeeze PRessure (S2PR) bioreactor, able to apply a periodic
contactless hydrodynamic pressures on 3D porous constructs. The
fluid-dynamic environment inside the bioreactor was fully char-
acterized using computational models, focusing on the pressures
and fluid velocity profiles generated in the porous scaffold during
the cyclic stimulation.

Keywords—CFD models, bioreactor, 3D porous cryogel, cardiac
tissue engineering.

I. INTRODUCTION

CULTURE conditions are an important aspect of engi-
neering myocardial tissue. In fact, the heart is a dy-

namic organ subjected to several physiological stimuli (e.g.
mechanical stretch, electrical stimulation, pressure, perfusion)
that impact on the tissues growth and function [1]. In cardiac
tissue engineering, several studies demonstrated the role of
mechanical forces and fluid movement on the organization
and function of cardiomyocytes. In particular, fluid movement
can increase the oxygen and nutrient transport [2], whereas
mechanical forces can activate mechanotrasduction pathways
and induce cell alignment and cytoskeleton re-organization [3],
[4].
In this work, we present Computational Fluid-Dynamical
(CFD) models of the Sensorized Squeeze PRessure bioreactor
(S2PR), used for studying the effect of hydrodynamic stimuli
on neonatal cardiomyocytes seeded in porous 3D constructs.
This bioreactor has already been tested on different cell
cultures (i.e. chondrocytes, cardiomyocytes), demostrating the
ability of the squeeze stimulus to induce changes in the
ECM synthesis and cytoscheletal organization of cells [5],
[6]. The fluid dynamic environment created around and inside
the porous scaffold was fully characterized using 2D axial
symmetric macro-scaled models of S2PR bioreactor. Then, the
fluid dynamics predicted by the 2D models was applied to 3D
micro-scaled sub-models of gelatin porous cryogels, in order
to evaluate the fluid-induced forces in the porous construct
during stimulation in the S2PR bioreactor.

II. MATERIAL AND METHODS
A. S2PR Bioreactor

The design of the S2PR bioreactor is inspired by the SQPR
2.0, an innovative stimulation chamber which imposes a cyclic,

hydrodynamic and contactless overpressure on cell cultures,
using a simple vertical piston movement [5]. The entity of
the stimulus mainly depends on the piston velocity and the
distance between the two approaching surfaces, called meatus.
In addition, during the cyclic piston movement, culture media
flows through the cell-seeded construct enhancing the diffusion
of oxygen and nutrients. In order to precisely apply and
measure the desired stimulus on a cell culture, the S2PR is
provided with a force and a position sensor, assuring high
precision and control of the piston movement (Fig. 1). In
particular, the force sensor (Flexiforce A201, Tekscan, Inc.
MA, USA), placed under the sample brace, is able to detect
any contact between the piston and the scaffold (Fig. 2),
whereas the position sensor embedded in the motor shaft (Fig.
1) continuously matches all the data from the force sensor, to
assure an accuracy in the piston motion of 5 μm. Furthermore,
the presence of the force sensor allows compressive tests on
the stimulated construct for real-time evaluation of the matrix
production, which is linked to the stiffness of the scaffold.
The S2PR is a highly automated system with a dedicated GUI
from which the user can set all the stimulation parameters
such as the maximum value of the hydrodynamic pressure
applied, the frequency of the stimulus and the duration of the
experiment.

B. Gelatin Cryogel

Porous gelatin cryogels were fabricated using the freeze-
dry method from gelatin 5% w/v (Type A gelatin from pig
skin) in deionized water, chemically crosslinked with glu-
taradheyde (GTA) 100 mM, as previously reported [7], [8].
Gelatin cryogels have been fully characterized in an aqueous
environment, pointing out a porosity of 90 %, a permeability
of 13 · 10−12m2 and an elastic modulus of around 12 kPa [8].

C. Computational Model

Computational models were implemented using the com-
mercial software Comsol Multiphysics in order to characterize
the local fluid dynamics applied on the scaffold with the S2PR
bioreactor. In particular, these models were used to evalu-
ate pressure and velocity profiles around the 3D construct.
The time-dependent 2D models assume an axial symmetric
geometry, considering a transverse section of the bioreactor
chamber. Here, the piston moves the culture media, considered
as incompressible, homogeneous and Newtonian fluid, with
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a density ρ = 1029 kg
m3 and a constant dynamic viscosity

μ = 4.77 · 10−3Pa · s. Navier-Stokes equations for incom-
pressible fluid were used for the fluid flow in the bioreactor
chamber, whereas Brinkman equations are applied for the
flow in the porous scaffold. In order to simulate the correct
stimulation on the scaffold, the velocity profile, evaluated by
the laminar flow mode, is considered as a boundary condition
of the Brinkman module. Moreover, the arbitrary Lagrangian-
Eulerian (ALE) method is used to model the piston movement
to apply the moving mesh mode to specify stationary or
transient deformation of the simulation domain. As previously
described, the piston moves vertically in the fluid, approaching
and receding from the base, without touching the scaffold. The
approaching velocity is 11.6mm/s while the receding one is
2mm/s, both with an excursion of 1mm, at a frequency of
1Hz.
From these models, pressure and velocity profiles of the fluid
around the porous scaffold are exported and processed, in
order to be further used as inputs for the 3D sub-models of
the gelatin cryogel.

III. RESULTS

2D sub-models were used to analyse the flow condition
around the scaffold, evaluating the pressure, shear stress and
flow velocity at specific time-points.
Figure 4 shows the changes in direction and intensity of the
fluid velocity in the bioreactor chamber according to the piston
movement. In fact, the fluid goes out from the meatus when
the piston moves down, reaching the highest velocity when it
is at the lowest position (time 1, Fig. 4 on the left), whereas
the culture medium flows slowly into the meatus from the
lateral sides of the chamber when the piston recedes from
the scaffold (time 2, Fig. 4 on the right). Figure 3 shows the
distribution of the pressure on the upper face of the scaffold
at time 1, pointing out a parabolic profile from the center
to the edge of the scaffold. Results showed that the pressure
values and distribution also change as a function of the time. In
figure 5 we can see the entire geometry of the scaffold inside
the chamber and a zoom of an ideally reconstructed scaffold
[9], [10], according to the real value of porosity (90%), pore
diameter (150 · 10−3mm) and permeability (13 · 10−12m2).

IV. CONCLUSION

The results of the three 2D axial symmetric models high-
lighed the importance of charactering time-dependent move-
ment of the piston in the presence of porous cryogels, even
considering just the macro-properties of the scaffold (perme-
ability and porosity). Moreover, pressure and velocity profiles
around to the scaffold are in accordance with our stationary
models and pressure measurements reported in [5].
As previously outlined, these results will be used as boundary
conditions for 3D scaffold micro-scale sub-models, in order
to evaluate the shear stress and pressure values inside the
scaffold, which directly affect cells seeded and grown in
the construct. The micro-scaled model (Fig. 5) is developed
as a simplified geometry of the actual scaffold, from 3D
reconstructions of the sample, and shear stresses will be used

to estimate the shear stresses acting on the cardiomyocytes.
Moreover, the oxygen consumption of the cardiomyocytes at
the fluid-solid interface of the micro-model will be added in
the CFD models, to verify that the fluid-dynamic environment
created in the 3D scaffolds by the S2PR bioreactor improves
oxygen transport without damaging the cells.
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Fig. 1. Functional block diagram showing the architecture of
the S2PR bioreactor

Fig. 2. CAD drawing of the S2PR bioreactor, including the
exploded view of the base, with the force sensor

Fig. 3. Pressure distribution on the upper face of the scaffold
when the piston is at its lowest position.

Fig. 4. Two velocity profiles at different time-points of the
cyclic piston movement: when the piston is in the lowest
(green circle and profile on the left) and in the highest (red
circle and profile on the right) position with respect to the base
of the bioreactor.

Fig. 5. Detail of the ideally reconstructed scaffold used in the
micro-scaled 3D models, obtained from 3D reconstructions of
the sample.
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Abstract  - The investigation of foot biomechanical response is 
addressed to specific tissues and structures within the forefoot 
region. The analysis is performed by a computational approach, 
which allows the investigations of tissues response accounting 
also for interaction phenomena with ortheses and footwear. In 
the present work, particular attention is paid to forefoot plantar 
tissues which play a prominent role in foot biomechanics, 
because of their contribution to attenuate ground impacts, to 
redistribute plantar pressures and to protect internal foot 
structures. The development of reliable computational models 
requires the definition of constitutive formulations that 
interpret the mechanical response of the biological tissues. 
Constitutive parameters are evaluated by the analysis of  
experimental data from "in vitro" tests on tissue samples. A 3D 
finite element model of the forefoot region is developed starting 
from the analysis of biomedical images. The reliability of model 
and parameters is assessed by the comparison of experimental 
and numerical results pertaining to "in vivo" indentation tests. 
The numerical model developed allows to evaluate the 
mechanical response of forefoot plantar tissues in terms of stress 
and strain distribution during the gait cycle. 

Keywords - Soft tissue mechanics, forefoot plantar soft tissue, 
constitutive model, computational analysis. 

I. INTRODUCTION 

URING walking process, the forefoot plays a relevant 
mechanical role in the last phases of the step, when 

propulsion is given to leave the ground. The plantar soft 
tissues of the metatarsal region have to absorb the action 
induced, providing a valid transfer and distribution of forces 
to the structures of the foot, and play an essential role in 
weight bearing [1]-[2]. In order to better investigate the 
biomechanical behaviour of the forefoot region, numerical 
methods represent a valid approach, capable to evaluate 
stress and strain fields within the tissues.  
This work aims to develop a numerical model of the forefoot, 
giving particular attention to the constitutive investigation of 
plantar soft tissues. A solid model of the forefoot is 
developed by the processing of biomedical images. Finite 
element discretization procedures are applied, leading to the 
numerical model. The mechanical behaviour of the different 
biological tissues is described by specific constitutive 
formulations. The constitutive analysis accounts for 
histological and morphometric data and results from 
mechanical tests. The plantar soft tissue is composed of 
adipose chambers circumferentially bounded by connective 
septa. Such honeycomb configuration deeply affect the 
compressive strength and the damping capabilities of the 
tissue. In literature, "in vitro" compression and stress 
relaxation tests were performed on plantar soft tissue 
specimens from the forefoot region [1]. The "in vivo" 

behaviour of tissues was investigated by indentation tests [2]. 
In agreement with the tissue structural configuration, the 
experimental activities show the typical features of the 
plantar soft tissue mechanical behaviour, as large 
displacement and strain, non-linear stress-strain behaviour 
and time-dependent response. Accounting for such 
mechanical features, a visco-hyperelastic model is developed. 
The identification of constitutive parameters is performed by 
the minimization of the discrepancy between model results 
and experimental data from the "in vitro" tests. In order to 
account for the actual behaviour of the tissues within the foot 
structures, the reliability of the parameters is improved by the 
computational analysis of "in vivo" indentation tests 
considering complex numerical models that mimic the 
experimental testing on foot structures.  

Numerical analyses are finally performed to investigate the 
plantar soft tissue response during walking, with particular 
regard to push off phenomena. The activities allow to identify 
the tissues mechanical functionality by the evaluation of the 
stress and strain fields. 

II. MATERIALS AND METHODS 

A. Numerical model 
The numerical model of the forefoot has to account for an 

averaged configuration of the human foot. A virtual solid 
model is preliminarily obtained from the analysis of CT and 
MRI images to pick out the bones and the soft tissues, 
respectively (Fig. 1a). In detail, the model accounts for 
metatarsal and phalangeal bones, cartilages, soft tissues 
(which include muscles and connective tissues), plantar soft 
tissue and skin (Fig. 1b). Subsequently, the solid model is 
scaled and morphed according to anthropometric data 
reported in literature to address an averaged configuration 
[2]. After discretization, the finite element model is 
composed of about four hundred thousands four-node 
tetrahedral elements (Fig. 1c).  

B. Constitutive formulation 
Specific attention is paid to the plantar soft tissue, because 

of its relevant mechanical role during the daily gait activities. 
A visco-hyperelastic model is developed to interpret the 
typical properties of the tissue, with particular regard to non 
linear elasticity and viscous phenomena. Constitutive 
parameters are evaluated by the inverse analysis of "in vitro" 
experimental tests [3]. In detail, tests have been performed by 
Ledoux and Blevins (2007) [1] on specimen from 
submetatarsal plantar soft tissue, accounting for compression, 
hysteresis and stress relaxation conditions. 

Numerical analysis of the biomechanical 
behaviour of the forefoot  
C.G. Fontanella2, E.L. Carniel1,2, and A.N. Natali1,2 

1 Department of Industrial Engineering, University of Padova, Padova, Italy  
2 Centre for Mechanics of Biological Materials, University of Padova, Padova, Italy 
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Hyperelastic formulations are adopted to define the 
mechanical behaviour of the cartilages and soft tissues, 
according to models and parameters from literature 
[3],[4],[5], while skin is described by a specific fibre-
reinforced hyperelastic model [3]. Each bony element is 
defined assuming an orthotropic, linear elastic constitutive 
model [3].  

C. Computational analyses 
Preliminary, numerical analyses are developed to validate 

the numerical model and the constitutive formulations. 
Accounting for the "in vivo" indentation experimental setup 
described by Klaesner et al. (2002) [2], a numerical model of 
the indenter is provided and positioned perpendicular to the 
skin of the foot under the metatarsal heads. The superior 
surface of the metatarsal bones are fully fixed and the 
indenter is moved upward to the plantar skin. The interaction 
phenomena between indenter and skin are specified by a 
Coulomb contact strategy, according to a 0.42 friction 
coefficient [4],[5].  

Finally, the developed numerical model is applied to 
investigate the plantar soft tissue mechanical functionality 
during walking activity. The forefoot region is particularly 
stressed during the push off step of the gait cycle. Specific 
rotational boundary conditions are applied to the bony 
segments of the model to analyse the phenomenon, while the 
interaction between skin and ground is defined by a Coloumb 
contact strategy, according to a 0.67 friction coefficient 
[4],[5]. 

III. RESULTS 

The identification of constitutive parameters is performed 
by the analysis of data from "in vitro" tests. In Figure 2, the 
comparison of experimental and models results from typical 
test conditions is reported.  

Numerical analyses of indentation tests under the first, 
third and fifth metatarsal heads are performed to evaluate the 
reliability of the constitutive model and parameters, as the 
capability of the formulation to interpret tissues mechanics 
within the overall biological structure. The comparison of 
experimental and numerical results is reported for indentation 
tests performed under the third metatarsal head (Fig. 3a), in 
terms of force-displacement data. In detail, results from 
numerical investigation are reported within the domain of 
experimental data. The contours of numerical results are 
proposed, with regard to vertical displacement (Fig. 3b) and 
minimum principal stress (Fig. 3c) fields.  

The Fig. 4 shows the minimum principal stretch fields 
during the push off. Results are reported on a longitudinal  
section at the level of the third metatarsal head at subsequent 
phases of the push off. 

IV. CONCLUSION 

The good agreement between experimental and numerical 
results suggests the ability of constitutive formulation and 
parameters to interpret the actual mechanical behaviour of the 
biological tissues and structures. With particular regard to 
plantar soft tissue, the mechanical response is identified 

accounting for experimental data from investigations 
performed according to different loading situations and 
developed on different foot conformations by different 
authors. The action makes it possible to avoid a subject 
specific formulation. In this context, model results do not 
interpret the mechanical behaviour of the tissue from a 
specific foot but the average mechanical response. 

In this work, the main topic pertains to the constitutive 
analysis of plantar soft tissue. Such activity is defined within 
the framework of numerical modelling of foot tissues and 
structures. Numerical models can be adopted to integrate 
experimental results in the investigation of specific 
conditions, such as the mechanical response of plantar tissues 
during the gait cycle [5]. The results of the numerical 
analyses, in terms of stress and strain, make it possible to 
evaluate the mechanical role of the plantar soft tissue in load 
distribution. The effort can lead to the possibility to have a 
proper evaluation of the biomechanical behaviour of the foot 
during the different phases of the gait cycle. Moreover, 
numerical analyses allow for the evaluation of interaction 
phenomena between foot and ortheses or footwear products 
[5], to estimate reliability and comfort as relevant tasks for 
medical and industrial applications. 

The analysis of the biomechanical behaviour of the foot, 
with particular regard to plantar soft tissue, has a relevant 
socio-economical impact, because of the increasing evidence 
of foot problems related to pathology, as diabetes, obesity 
and aging [6]. In this way, a mention must be given to the 
possibility to account for degenerative phenomena of hard 
and mostly soft tissues within the constitutive formulations. 
In this sense, complex constitutive formulations, as visco-
hyperelasto-damage models, have been already provided with 
regard to soft biological tissues. More extended experimental 
investigations are required for a reliable investigation of this 
aspect of foot biomechanics. 
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Fig. 1.  Virtual solid model of the forefoot region (a) with indication of the transversal section A-A to show bones, soft tissues, skin and plantar soft 
tissue (b). External view of the finite element model of the overall region (c). 
 
 
 

 
Fig. 2.  Example of results from "in vitro" compression (a), hysteresis (b) and stress relaxation (c) tests on plantar soft tissue specimens. Experimental 
data (empty circles) are compared with model results (continuous lines).  
 
 
 

 
Fig. 3.  Example of results from "in vivo" indentation tests (a). Numerical results (black continuous line) are reported within the domain of 
experimental data (gray region). Contours of the vertical displacement (b) and the minimum principal stress (c) fields are reported on a transversal 
section when a 5 mm indentation depth is applied.  
 
 
 

 
Fig. 4.  Results from the numerical analysis of the push off. The minimum principal stretch field is reported over a longitudinal section at the level of 
the third metatarsal accounting for subsequent steps of the push off.  
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Abstract - In order to investigate the influence of ankle 
ligaments on the biomechanics of the foot a refined finite element 
model is developed. The three dimensional solid and numerical 
models of the foot are obtained starting from CT and MRI 
images. The biological tissues are defined by means of specific 
constitutive formulations. Numerical analyses that interpret 
particular experimental tests are performed. The reliability of the 
computational model is verified by means of the comparison 
between numerical results and experimental data. As 
preliminary approach to the investigation of damage phenomena, 
also numerical analyses that interpret the tears of some ankle 
ligaments are reported. 

Keywords - Foot, ankle ligaments, constitutive model, 
numerical analysis. 

I. INTRODUCTION 

HE human foot is a complex biomechanical structure that 
provides support and balance during standing and 

stabilizing the body during gait. The ankle and subtalar joint 
are the most frequently injured region of the lower limb [1] in 
particular because of ligaments tears. In order to investigate 
the effects of ligament injuries, different authors performed 
mechanical experimental tests on the foot with intact ligaments 
and after the serial sectioning [2]-[4]. In this work the 
experimental data obtained with the Hollis Ankle Arthrometer 
are used [5].  

The aim of this research activity is to integrate experimental 
and numerical data in order to provide a general reliable 
procedure for the investigation of foot and ankle mechanics 
under several loading conditions, accounting also for ankle 
ligaments tears. 

The complex mechanical behaviour of the foot and the 
necessity of obtaining reliable results require an accurate 
modelling of the foot structure in terms of 3D anthropometrical 
characteristics and constitutive formulation of materials. At 
this purpose, a finite element model of the foot is developed 
accounting for the morphometric characteristics of a 
normotype subject and specific constitutive formulations are 
developed. Numerical analyses that interpret the 
biomechanical behaviour of the foot with all ligaments and 
considering the effects of local rupture are performed in 
consideration of experimental data [2]-[4]. 

II. MATERIALS AND METHODS 

A. Experimental test 

The experimental data considered are mainly referred to the 
tests performed by Kovaleski et al. [5]. The ankle arthrometer 
device consists of an adjustable plate fixed to the foot, a tibial 

pad attached to the tibia and a load-measuring handle attached 
to the footplate through which the load is applied. The 
experimental data describe the relative motion of the ankle-
subtalar joint during the application of external loads to human 
cadaveric foot specimens. During the experimental test the 
specimen is placed on the footplate and is secured using a heel 
and a dorsal clamp to prevent the rotation of the hindfoot. The 
goal of the experimental activities is the simulation of standard 
clinical tests exploited in the evaluation of ligaments 
conditions. In detail the load to perform the anterior-posterior 
and the inversion-eversion movements are applied in line with 
the footplate through the load handle. For the anterior and 
posterior trial the ankle is loaded with a force from 0 to 125 N 
and from 0 to -125 N, respectively. With regard to the 
inversion-eversion rotation the ankle is loaded with a torque 
from 0 to 4 Nm and from 0 to -4 Nm, respectively. The 
displacement and the angular rotation of the foot obtained in 
1.5 s are measured and data are evaluated by direct contacts 
with the authors [5].  

B. Constitutive formulations 

In order to properly characterise the biological tissues of the 
foot, constitutive formulations that describe the different 
mechanical behaviour of tissues are adopted. More in detail, 
the bone mechanical behaviour is defined by an orthotropic 
linear elastic constitutive model [6], the skin and the 
cartilaginous elements are described by specific hyperelastic 
constitutive models [6],[7] while the adipose tissue assuming 
a visco-hyperelastic model [7]. Soft tissues around the bony 
segments are considered to be homogeneous and are defined 
by an almost-incompressible hyperelastic model. Particular 
attention is paid on the characterization of the ankle ligaments 
tissues. At this purpose, a specific fibre-reinforced visco-
hyperelastic constitutive model is adopted [7]. In agreement 
with experimental evidence, the constitutive formulation is 
capable of accounting for the typical features of ankle 
ligaments mechanical behaviour, as anisotropic configuration, 
geometrical and material non-linearity and time-dependent 
phenomena.  

All the constitutive models previously cited are 
implemented in the general purpose finite element software 
ABAQUS 6.8 (Dassault Sistèmes Simulia Corp., Providence, 
RI) by specific routines. 

C. Numerical analysis 

A refined numerical model of the foot is developed 
accounting for the morphometric properties of a male subject. 
In detail, the virtual solid models of the bone segments are 
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defined starting from CT images, while models of soft tissues 
are mostly performed by the analysis of MRI data.  

The overall model consists of 30 bony segments, including 
the distal segments of the tibia and fibula and the 28 foot 
bones. The solid model is developed with particular attention 
for the morphometric aspects of the ankle and subtalar joints. 
As reported in detail in [6], an accurate definition of the 
configuration of hindfoot ligaments and cartilages is 
performed. The numerical model of the foot is obtained 
through the finite element discretization of the solid model by 
means of specific software, adopting tetrahedral elements.  

The solid and numerical models of the foot are reported in 
Fig. 1.  

In order to evaluate the reliability and accuracy of the 
results, numerical analyses that interpret the previously 
described experimental tests are performed. At this purpose 
the specific load and boundary conditions of the experimental 
set-up are assumed. In detail, to interpret the anterior-posterior 
test, the tibia and the fibula are fixed and the displacement is 
applied to the calcaneus along the longitudinal axis of the foot. 
The anterior motion is defined as the displacement obtained by 
a load that ranges between 0 and 125 N, while the posterior 
motion is defined as the displacement obtained by a load that 
ranges between 0 and -125 N. With regard to the inversion-
eversion test, the movements are defined fixing the calcaneus 
and the talus and imposing a rotation of the tibia and fibula 
around the longitudinal axis of the foot. Inversion rotation is 
defined as the angular displacement produced in response to a 
torque from 0 to 4 Nm, while the eversion rotation is defined 
as the angular displacement produced in response to a torque 
from 0 to -4 Nm.  

Furthermore, in order to evaluate the influence of ankle 
ligaments in foot biomechanics, numerical analyses that 
interpret the anterior and the inversion test after the rupture of 
some ankle ligaments are performed. In detail, the 
investigation entails the removal of ligaments that reached the 
highest values of maximum principal strain, identified in the 
condition of intact foot, also accounting for results from 
experimental activities [2]-[4]. 

III. RESULTS 

 With regard to the anterior-posterior test the numerical  
results are reported in Fig. 2. In detail, the comparison between 
the mean values of the experimental and numerical 
displacements of the foot when it is loaded in anterior and 
posterior direction is shown in Fig. 2a. Contours of the 
maximum principal strain for an anterior displacement of 8 
mm are reported in Fig. 2b. It is possible to notice that the most 
loaded ligaments are the anterior talo-fibular ligament (ATFL) 
and the anterior tibio-talar ligament (ATTL). 

Concerning the inversion-eversion test, the results are 
illustrated in Fig. 3. The comparison between the mean values 
of the experimental and numerical angular displacement of the 
foot when it is loaded with inversion and eversion torques is 
reported in Fig. 3a. Numerical results for a 17° of inversion 
rotation are reported. In detail, contours of the maximum 
principal strain are illustrated in Fig. 3b, showing that the most 

involved ligaments are the ATFL and the calcaneo-fibular 
ligament (CFL).  
 With the aim to evaluate the foot biomechanical response 
after potential ligaments rupture and to identify the 
contribution of specific ligaments to the ankle overall 
structural behaviour, further numerical analyses are 
performed. Keeping the previously described loading 
conditions, with a force of 125 N, the removal of ATFL 
determines an increase of anterior displacement of 13%. Under 
a torque of 4 Nm to represent inversion condition and 
removing ATFL and CFL, the angular rotation increases of 
18%. 

IV. CONCLUSION 

The numerical method proposed in this work reports a 
computational approach for the investigation of the 
biomechanics of the foot with particular regard to the influence 
of ankle ligaments.  

The suitability and the accuracy of the developed procedure 
in the evaluation of the biomechanical behaviour are 
confirmed by the comparison between experimental and 
numerical results. This investigation proposed the basis for the 
interpretation of the foot response in case of ankle joint trauma 
such as severe sprains up to the failure of the ankle ligaments, 
aiming at the interpretation of a relevant clinical problem. The 
study of the hindfoot behaviour with intact or removed 
ligaments represent limit conditions useful also for the 
preliminary investigation of degenerative phenomena. The 
general analysis of evolutionary degenerative conditions of 
hindfoot ligaments, caused by the integrated effect of aging, 
pathologies and traumas, up to the over mentioned failure, 
requires more extended experimental data for the definition of 
the evolutionary constitutive response mostly with regard to 
deformation strain rate to interpret viscous phenomena, as 
already in progress.  
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 Fig.1. Representation of the foot by solid model (a) and longitudinal section of the numerical model (b). 
 

 
 

Fig.2. Numerical results for the anterior-posterior test: comparison between experimental and numerical results (a) and contours 
of the maximum principal strain for an anterior displacement of 8 mm reported on the frontal view of the ankle (b). 
 

 
 

Fig.3. Numerical results for the inversion-eversion test: comparison between experimental and numerical results (a) and contours 
of the maximum principal strain for an inversion of 17° reported on the lateral view of the ankle (b). 
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Abstract - The gastrointestinal tract is a primary district of 
the living organism that shows a complex configuration in terms 
of biological tissues and structural conformation. The 
investigation of the mechanical behaviour in healthy and 
degenerative conditions is mandatory to define innovative 
diagnostic and surgical procedures. Computational methods 
allow the evaluation of tissues mechanical behaviour and 
interaction phenomena with biomedical devices, surgical 
instrumentations and prosthetic elements. The development of 
computational models of gastrointestinal structures requires 
data from histological analysis and mechanical testing, together 
with engineering and mathematical skills for the definition of 
constitutive formulations and numerical procedures. An outline 
of the computational mechanics approach to the investigation of 
the gastrointestinal tissues and structures is reported with 
regard to the colon region.  

Keywords - Constitutive analysis, gastrointestinal tissues, 
computational biomechanics, experimental biomechanics. 

I. INTRODUCTION 

HE gastrointestinal tract consists of different regions, as 
oral cavity, oesophagus, stomach, small and large 

bowels, rectum and anus, where nutrients transformation and 
adsorption take place. Functional processes are mediated by 
the mechanics of the different regions. Pathologies and 
degenerative phenomena may affect the proper behaviour of 
gastrointestinal district and represent a relevant social-health 
problem. Different techniques have been provided for 
gastrointestinal tissues screening and surgery, aiming at the 
less invasive action. The design of procedures and devices is 
correlated with the analysis of the tissues and organs from a 
biomechanical point of view. Such analyses can be 
performed by means of a computational mechanics approach, 
which requires the development of numerical models that 
interpret the actual configuration and mechanical behaviour 
of gastrointestinal organs, structures and tissues [1]. The 
investigation of colon tissues and structures is here proposed 
to address the general framework for the development of 
computational models. The first step of the procedure 
pertains to the morphometrical and histological analysis, in 
order to identify the structural configuration and 
preliminarily evaluate the mechanical response. These data 
influence the proper planning and design of mechanical tests 
to be developed. The integration of data from mechanical 
tests and histological investigations allows to define the 
constitutive framework [2],[3]. Constitutive parameters are 
preliminarily identified by the inverse analysis of mechanical 
tests developed on tissue samples, accounting for analytical 
models [4],[5]. The reliability of the achieved parameters 

must be updated and assessed by further experimental 
investigations. In fact, the preparation of tissue specimens 
may entail potential damages because of the operational 
procedure. Further tests should be developed at the structure 
level, as mechanical tests that are performed on tubular 
segments (i.e.: inflation tests) [6]. At the purpose, numerical 
models must be developed because of the complex 
conformation of the tubular samples morphometry and the 
experimental boundary conditions. The comparison of 
experimental data and numerical results allows to define the 
parameters and represents also the basis for assessing the 
reliability of the overall procedure.  

II. MATERIALS AND METHODS 

A. Morphometrical and histological configuration 

Colon wall consists of the four main layers of the 
gastrointestinal organs, as mucosa, submucosa, muscularis 
externa and serosa (Fig. 1a-b). The mucosal layer is mainly 
composed of a loose network of collagen fibrils embedded 
within a ground matrix. The submucosa is composed of 
collagen fibres that are arranged according to two main 
helixes, a clockwise and an anti-clockwise one, which run 
down the colon structure. The muscularis externa is 
composed by smooth muscular fibres that are distributed 
along longitudinal and circumferential directions. The 
longitudinal fibres congregate in three thick bands, as the 
taeniae coli, that are equally spaced around the colon 
structure. Between these bands, as the haustra region, the 
longitudinal fibres form a thin sheet. Finally, the serosa forms 
a thin layer composed of loose connective tissue. Because of 
its hierarchical and complex configuration, the colon wall 
shows anisotropic and strongly non-linear mechanical 
response, given by the sub-components organization and 
mechanical properties. The arrangement of fibrous elements 
along preferential directions entails the anisotropic behaviour 
(Fig. 1b-c). Rearrangement phenomena, as fibres un-
crimping and alignment, develop within the tissues during 
loading. Such processes lead to a progressive variation of the 
stiffness with stretch and time, entailing non-linearity 
[3],[4],[5] and time-dependence of the mechanical response 
[6].  

B. Experimental tests on tissue samples 

The characterization of the tissues complex mechanical 
behaviour requires to develop mechanical tests according to 
different loading conditions. A set of uni-axial tensile tests 
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was performed on tissue specimens from pigs colon, with 
regard to both taeniae coli (TC) [4] and hasutra (HA) [5]. 
Samples were harvested along different directions, as 0°, 45° 
and 90°, with respect to the circumferential direction, for TC 
specimens, and 0°, 15°, 30°, 45°, 60° and 90° for HA 
specimens. An Instron 4464 machine was used to perform 
tensile tests up to failure and according to a 40%/s strain rate. 
A specific clamping apparatus was designed to keep the 
experimental sample within a glass beaker filled with 
physiological solution. Video image analysis techniques were 
adopted to monitor the shape evolution of the sample during 
testing, leading to the evaluation of tissue elongation and 
contraction in the loading and transversal directions.  

C. Inflation tests on tubular segments 

A specific experimental setup was developed to perform 
the inflation tests on pig colonic segments: two 
circumferential plates were spaced by a tube, and the sample 
was placed around the experimental complex and fixed to the 
plates by high resistance wires. Each plate had a central hole 
to allow gas flow within the tube. Four additional holes were 
circumferentially provided in the middle of the tube to allow 
the gas to flow from the tube to the region inside the 
specimen. A volumetric pump was connected to the hole of 
one of the plates, while a pressure transducer was connected 
to the opposite plate. The inflation tests were developed 
according to a two step procedure. The first step pertained to 
air in-flaw up to a prescribed top pressure and according to 
an almost constant pressure rate, as 3.5 mmHg/s. During the 
second step, the pressure was held constant to allow the 
development of creep phenomena. During the process, 
physiological saline was continuously poured onto the 
external surface of the samples to prevent drying. During 
testing, the sample was continuously video-recorded to 
monitor the shape evolution.  

D. Constitutive formulation and parameters identification 

A specific fiber-reinforced visco-hyperelastic model was 
provided to interpret the mechanical behaviour of the 
different colonic tissues [2],[3],[4],[5]. The structural 
configuration of the different tissues from the colon wall 
accounts for an isotropic ground matrix with one or more 
reinforcing fibres families. Specific hyperelastic potentials 
were introduced to interpret the non-linear behaviour of the 
specific tissue sub-components. Mucosa is characterized by 
almost isotropic behaviour and the specific strain energy can 
be defined accounting for the ground matrix terms only. 
Muscularis externa and taenie coli are composed by ground 
matrix and muscular fibres, which are mostly arranged along 
circumferential and longitudinal directions, respectively. It 
follows the transversally isotropic configuration. With regard 
to submucosa, two main sets of collagen fibres can be 
identified, leading to an overall anisotropic formulation. 

E. Parameters identification and reliability assessment 

The preliminary identification of constitutive parameters 
was performed by the inverse analysis of tensile tests on 
tissue samples [4],[5]. Accounting for the specific 
conformation of HA and TC specimens and the constitutive 
formulations of the tissues, analytical models were provided. 

A specific optimization algorithm was applied to minimize 
the discrepancy between model and experimental results, 
leading to preliminary sets of parameters for the different 
tissues. Subsequently, the reliability of parameters was 
improved and assessed by the analysis of inflation tests. In 
detail, finite element models of the tubular samples were 
developed, accounting for sample morphometry and tissues 
stratification. Numerical analyses were performed according 
to the experimental loading conditions.  

III. RESULTS 

The micro- and macro-structural configuration of the 
anatomical region has been analyzed and the preliminary 
constitutive identification was performed by the inverse 
analysis of specific experimental tests on HA and TC 
samples. Experimental and model results are compared in 
Fig. 2a-b. Computational analyses of inflation tests were 
performed to assess the model and parameters reliability. 
Numerical results are reported in Fig. 3a-b together with data 
from the experimental tests. 

IV. CONCLUSION 

General notes have been reported about the analysis of 
colon tissues and structures mechanics by experimental and 
computational methods. The proposed procedure makes it 
possible to define computational models for the investigation 
of gastrointestinal tract mechanics. In particular, specific 
attention is paid to the tissues response during endoscopy or 
surgery, aiming to the optimal design of procedures and 
devices. Computational methods allow the evaluation of 
tissues mechanical behaviour with larger extension and detail 
than in experimental techniques, providing information about 
the strain and the stress fields. Furthermore, computational 
approach makes it possible the investigation of the tissues 
response accounting for a broad range of conditions, as 
different organs and tissues configuration, degenerative 
phenomena, different endoscopy/surgical methods and 
devices, different prosthetic elements and biomaterials, etc.. 
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Fig. 1.  Morphometrical and histological investigation of colon structures and tissues. Picture of pig colon (a) and schematic representation of colon 
tissues stratification (b). Definition of fibers distribution within the different colon tissues (c). 
 
 
 

 
Fig. 2.  Tensile tests on colon tissues samples and preliminary identification of constitutive parameters. Comparison of experimental data (empty 
squares) and analytical model results for tensile tests developed on taeniae coli (a) and haustra (b) samples.  
 
 
 

 
Fig. 3.  Inflation tests on colon tubular segments. Comparison of experimental data form tests performed on different samples and finite element model 
results. Results are reported for the inflation test (a) and the creep stage at a specific pressure (b). 
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Abstract—Diabetic foot is an invalidating complication of
diabetes mellitus that can lead to foot ulceration and amputations.
The aim of this study was to identify the neuropathic subjects
at risk of ulceration with a cluster analysis classification of
simulated plantar pressures and internal stresses.

A previously developed 3D finite elements model was used and
simulations were ran with gait analysis experimental data of 16
subjects (5 ulcerated) acquired 5 years prior to ulcerations. 5
ulcerated were included in one cluster with only 3 non ulcerated
subjects.Longer follow up is need in order to verify if the
neuropathics classified in the cluster of the ulcerated will develop
ulcers.

Besides these limitations, results showed that combined FEMS
and cluster analysis allowed to infer useful informations on the
risk of ulceration even five years prior to the wound evolution.

Keywords—Diabetic foot, Gait analysis, Finite element model,
Multidisciplinary approach.

I. INTRODUCTION

D IABETIC foot is an invalidating complication of diabetes
mellitus that can lead to foot ulceration and amputations.

While experimental analyses are limited solely to measure-
ments of interfacial variables, three-dimensional (3D) patient
specific finite element models (FEMs) of the foot can provide
both the interfacial pressures and insight into internal stresses
and strains tolerated by the plantar tissue [1]. FEMs allows
quantifying the loads developed in the different anatomical
structures of the foot and to understand how these affect foot
tissue [2].

The aim of this study was to identify the neuropathic
subjects at risk of ulceration with a cluster analysis classi-
fication of simulated plantar pressures and internal stresses.
Simulations were ran with gait analysis data acquired 5 years
prior to ulcerations.

II. METHODS

Foot biomechanical analysis was carried out as in [3] on 16
diabetic neuropathic subjects by means of a 6 cameras motion
capture system (BTS, Padova), integrated and synchronized
with 2 force plates (Bertec, USA), 2 plantar pressures systems
(Imagortesi, Piacenza). For each patient the 3D kinematics,
ground reaction forces and plantar pressures were calculated.
Six of these subjects developed ulcers under metatarsals heads
within 5 years after the acquisitions (ulcerated subjects (US)-

age 62.3±4.1 years, BMI 26.3±2.0 kg/m2) while the other ten
did not (non US - age 63.2±6.4 years, BMI 24.3±2.9 kg/m2).

In order to obtain the simulated stresses, a recently de-
veloped 3D FEM [4] was adopted. The MRI of the foot of
a diabetic neuropathic subject was acquired, and segmented
with Simpleware ScanIP (v.5.0) into 30 bones (grouped into
hindfoot, midfoot, forefoot), cartilage (in the space between
the bones) and the foot skin in order to get a 3D representation
of the whole foot and ankle (procedure in figure 1). The model
was meshed in Simpleware-scanFE with tetrahedral elements
according to the literature [5] and imported into ABAQUS
(Simulia,v.6.12). An horizontal rectangular element was drawn
in ABAQUS under the foot to simulate the ground support.
Materials properties were adopted from previous literature [6].

The simulations were run adopting the experimental kine-
matic and kinetics as boundary conditions as in [4]. The
midstance and the push-off phases of gait were considered as
they are the instants when critical loads occur in the forefoot
of the diabetic subjects. The internal stresses (Von Mises and
principal stresses) and the simulated plantar pressures were
extracted from the simulated model (Figure 2).

K-means and hierarchical cluster analysis were performed
as in [7] on simulated plantar pressures and/or internal stresses
as input in order to classify the 16 subjects in 2-3-5 groups.

III. RESULTS

TABLE I
RESULTS OF THE HIERARCHICAL CLUSTER ANALYSIS: 3

CLUSTERS (CL). DATA NORMALIZED OVER THE SUBJECT’S
WEIGHT (%BW). PP=PLANTAR PRESSURE.

CL # Push-off Mid-stance

subject Peak PP
[%BW]

Mean PP
[%BW]

Von Mises
[%BW]

Peak PP
[%BW]

Mean PP
[%BW]

Von Mises
[%BW]

1 0 US 42.3% 10.8% 38.1% 32.3% 8.0% 25.1%
3 noUS 5.2% 2.3% 17.4% 2.0% 1.0% 4.4%

2 1 US 37.1% 9.7% 34.8% 27.5% 6.0% 24.5%
4 noUS 4.1% 1.9% 5.0% 1.7% 0.7% 2.4%

3 5 US 39.0% 10.4% 37.8% 27.7% 0.06.2% 22.8%
3 noUS 3.5% 0.7% 4.2% 2.8% 0.4% 2.1%

The best results were obtained with the hierarchical method
(Ward’s linkage criterion) which let to the definition of 3
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clusters (Table I): 5 US were included in one cluster with
only 3 non US.

IV. CONCLUSIONS

A longer follow up is needed in order to verify whether the
neuropathic subjects in cluster 2 and 3 will develop ulcers. A
larger dataset is needed to further validate this methodology.
Besides these limitations, results showed that combined FEMS
and cluster analysis allowed to infer useful informations on the
risk of ulceration even five years prior to the wound evolution.
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Fig. 1. Workflow of the development of an FE model of the foot.

Fig. 2. Example of the results of a FEM simulation with ulcerated subject’s boundary conditions: Plantar pressures (left) and
Von Mises internal stresses (right).
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Abstract—The international standards meant to evaluate and 
compare the mechanical properties of posterior spinal fixators 
in controlled laboratory conditions are based on many 
simplifications. ASTM F1717 proposes a worst case 
vertebrectomy model, while ISO 12189 is based on an 
instrumented two functional spine units physiological scenario. 
Both standards try to mimic the clinical use of spinal devices, 
but the geometrical and mechanical parameters they propose 
are often unclear and experimental data, when available, are 
few. The aim of this study is to fill this gap, investigating the 
meaning of each parameter within the physiological range and 
to compare it to standard suggestions. A parametric finite 
element analysis was performed to investigate the relative 
contribution of each variable to the stress on the device and to 
propose a revision of the standards according to a worst case 
condition. 

  
Keywords—Standards, spinal fixation, ASTM F1717, ISO 

12189, finite element model, spine biomechanics. 

I. INTRODUCTION 

RECLINICAL  evaluation is meant to assess that a particular 
implant is reliable and safe enough to be implanted into a 

patient. This aspect is very important for orthopaedic 
prostheses which have to withstand an high number of loads 
during their clinical use. 

Clinical experience demonstrated that mechanical fatigue 
is the main problem of posterior spinal fixators (Fig.1A), 
which revealed a high rate of fatigue-related failures, 
especially at the screw level [1-2]. Breakages were related 
mainly to the high number of cycles due to walking, which is 
the most frequent activity during everyday life [3]. 

International organisms periodically publish their 
standards or guidelines for the assessment and comparison of 
different implant designs in controlled simplified conditions 
(Fig.1B). The American Society for Testing and Materials 
(ASTM) published F1717 [4], which proposes to mimic 
vertebral bodies (VB) using UHMWPE blocks and assumes a 
worst-case vertebrectomy model. This condition is far from 
clinical practice since a posterior fixator is usually combined 
with an anterior support (e.g. bone graft, cage). The 
International Standardization Society (ISO) published the 
12189 standard [5], which describes a stabilized 
physiological 2-functional spine units (FSUs) model that 
takes into account the anterior support trough three calibrated 
springs simulating the mechanical behaviour of the 
intervertebral disc (IVD) under compression. 

Even if nowadays these standards are well accepted by 
device designers, the set of parameters (distances and angles) 
they suggest to describe FSU anatomy/biomechanics are 

often unclear. Moreover published data are few. 
The principal aim of this project is to investigate the value 

of international standards for the preclinical evaluation of 
posterior spinal fixators and to propose their revision. Our 
aims were: the comparison between the set of values 
described by standards and those within the physiological 
range; the investigation of the influence of each parameter on 
the stress level in the device within this range; the 
determination of the physiological worst case due to the 
superposition of all parameters. 

II. MATERIAL AND METHODS 

A. Anatomical and mechanical parameters of interest 

A total of 14 parameters were analysed (Fig. 1C). 
We defined anatomical variables, describing the 

morphology of the VB or describing FSU biomechanics: the 
distance between screw insertion point in the pedicle and the 
follower-load (FL) line path (BMA); the distance between 
screw insertion point and the centre of rotation of the superior 
and inferior FSU (CoFRsup and CoFRinf respectively); 
screw/pedicle inclination with respect to the sagittal plane 
(PDIs). The range of variation for each anatomical parameter 
as a function of the spinal level, when available, was obtained 
from literature (review of 33 papers). The missing parameters 
(BMA and CoFR) were obtained from direct measurements 
on biplanar X-Ray images taken from 13 patients. We 
considered also some mechanical parameters (not all reported 
here), describing the experimental set-up and implant design, 
particularly the unsupported screw length (d0). The range of 
variation for these variables was found among the most 
commonly used sizes available in commerce. 

B. Parametric finite element analysis 

Two parametric FEMs of the experimental set-up 
according to ASTM F1717 and ISO 12189 were considered. 
Symmetry with respect to the sagittal and transverse planes 
was assumed, considering only one quarter of the whole set-
up. The posterior fixator  design was simplified in order to 
keep the analysis as general as possible  (Fig.1C). 

A systematic approach was used to investigate the local 
sensitivity of each parameter on the stress calculated on the 
device, both beneath the screw head and on the rod (Fig.1D), 
assuming a reference configuration for each standard. 

The global sensitivity of the solution was then checked 
combining the most important anatomical variables. Either 
the physiological average values for each parameters and 
their worst case combination were considered, as a function 
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of the spinal level (average and worst case, respectively). 

III. RESULTS AND DISCUSSION 

The FEM approach used in this investigation has already 
shown good agreement with experimental measurements 
obtained using strain gauges technique [6]. 

Standards recommend a set of values which represents 
quite well the anatomy of an average thoracolumbar segment 
instrumented with a spinal fixator (Fig.2). ISO 12189 is more 
faithful to represent the centre of fixation to rotation (CoFR), 
while this is underestimated by ASTM F1717 in comparison 
to our measurements. 

The lever arm of the applied load (BMA) has the strongest 
influence in increasing the stress on the fixator (Table I), so 
that its value was deliberately set as an overestimate by both 
standards. Considering that FL models the overall 
contribution due to muscles forces and upper body weight, 
assuming that its line path pass throughout the centre of the 
VB is right only during standing or walking [3]. Others 
everyday activities could not be represented.   

CoFR, as well as the pedicular inclination with respect to 
the sagittal plane (PDIs), play an important role, but less 
significant than BMA (Table I).  

 
 
The experimental configuration suggested by ASTM F1717 

and ISO 12189 standards is able to catch the state of stress of 
an average thoracolumbar spine in two different conditions. 
On one hand, considering the worst case vertebrectomy 
assumption, this may be sufficient to guarantee a high safety 
coefficient for a spinal fixator implanted in an average patient 
in the physiological population. On the other hand, assuming 
a physiological environment suggested by ISO, may not be 
safe enough to guarantee the reliability of the device. 

Nevertheless the worst case combination of anatomical 
parameters demonstrates that a device implanted below T5 
could potentially undergo higher stresses than according to 
standard conditions. The maximum stress increases of about 
15% beneath screw head (about 9% on the rod) at L1 level 
for both standards.  

The compressive stiffness of the springs used in ISO model 
to mimic the mechanical behaviour under compression of the 
IVD, is in good agreement with previous published data [7-
8]. Spring stiffness (k) significantly influences the load 
sharing ratio between the device and the springs, thus 
changing the stress arising in the device (Fig. 3). The stress 
level could be artificially tuned in order to deliberately 

increase the load on the device and guarantee its safety. 
Moreover, a tunable anterior support has the advantage to 
allow the comparison in same conditions (i.e. stress level) 
between rigid and dynamic posterior fixators having very 
different stiffness.  

IV. CONCLUSION 

The present study quantitatively reports some important 
never investigated biomechanical parameters (BMA and 
CoFR). Moreover it reveals the anatomical/biomechanical 
meaning of all the parameters useful to describe the 
experimental set-up according to ASTM F1717 and ISO 
12189 standards. 

Despite not yet confirmed by an experimental study, we 
propose to revise both standards in order to describe the 
worst case condition we found at L1 level (BMA=43mm, 
CoFR=23.8mm): this will guarantee a higher reliability and 
safety of the implant for a wider population of patients. 

In order to compensate for the lack of safety due to the 
physiological model proposed by ISO standard, different 
combinations of springs’ stiffness could be used. 

The main limitation of this study is represented by the 
simplified geometry assumed for the posterior spinal fixator. 
In order to determine if the percentage stress increase we 
found in the worst case condition could lead to a significant 
reduction in the fatigue life (number of cycles to failure) of a 
specific spinal fixation device, we plan to perform an 
experimental investigation on a commercial fixator. 
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TABLE I 
RESULTS 

Parameter 

ASTM (300N) ISO (2000N) 

σVM
MAX increase (%) σVM

MAX increase (%) 

Screw Rod Screw Rod 

BMA 7.0 6.1 12.0 8.2 

CoFR 2.7 1.8 0.8 0.6 

PDIs 2.2 0.8 1.4 -1.8 

d0 3.5 2.1 4.9 -5.3 

Anatomical worst case 
(L1) 

15.2 9.1 14.8 8.6 
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Fig.1 A: Sagittal and frontal views (upper and lower, respectively) of a patient treated using a posterior spinal fixator to stabilize the lumbosacral 
segment. B: Experimental set-ups used to compare and assess the mechanical properties of posterior spine fixators according to ASTM F1717 and ISO 

12189 standards. C: Parametric numerical models. D: Meshed reference models. 
 

 
 

Fig.2 Block moment arm (BMA), center of fixation to rotation (CoFR) and pedicle inclination with respect to the sagittal plane (PDIs) as a function of the 
spinal level: comparison between the value set by standards and data from our patients data-base  (A and B) or from literature (C) expressed as an average 

value ± standard deviation. 
 

 
 

Fig.3 Internal loads applied on one half of the device as a function of spring stiffness (k). Positive values are assumed for flexion (A) and axial force (B). 
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Abstract—In this paper, elasto-damage models of biostructures
at different length scales are developed and integrated by means
of analytical homogenization procedures. The model, based on a
constrained variational formulation and established by employing
convex analysis arguments, is developed within the framework
of a multiscale rationale. This allows to consistently account for
nanoscale mechanisms and to introduce model parameters with
a clear biochemical/biophysical meaning.

The case of collagen fibrils, the main constituents of a number
of biological tissues, is investigated. A detailed description of
nanoscale molecular interactions is considered, highlighting their
straight influence on fibril constitutive response. The model is
successfully validated by comparison with available numerical
results based on molecular dynamical simulations. Moreover,
proposed results proves model capability to reproduce many
features of fibril response, in agreement with experimental
evidence.

Keywords—Tissue biomechanics, collagen-rich structures,
mechanobiological modelling, damage in tissues and organs.

I. INTRODUCTION

B IOLOGICAL tissues generally share a peculiar histol-
ogy, characterized by a hierarchical organization from

the nano (molecules), through the micro (fibers made up
of bundles of fibrils) up to the macroscale (tissues and
organs, such as tendons, vessels and cornea). Hence, tissue
biomechanics is strictly related with the mechanical response
of tissue constituents which, in turn, depend on nanoscale
properties, such as the biochemical environment in extra-
cellular matrix and the biophysical properties of cross-linked
assemblies. Therefore, several micro (e.g., mechano-regulated
tissue remodeling) and macro (e.g., mechanics of joints or
vessels) physio-pathological processes can be analyzed as a
function of nanoscale alterations. In this field, the authors
recently proposed a novel approach, namely the structural
multiscale one, that opens to the effective integration of
nanoscale mechanisms in macroscopic tissue biomechanical
modelling, [3]–[5].

In the present work, mechanical models of collagenous
biostructures at different length scales are developed and
integrated by means of theoretical homogenization procedures.
Elastic and inelastic mechanisms are addressed by employing
the theory of standard generalized materials. Therefore, the
elasto-damage response of biological structures is modelled
by introducing few parameters with a clear physical meaning.
A number of numerical simulations are implemented and
conducted referring to the case of collagen fibrils. Obtained
results allow to analyse physipathological effects as a function

of altered structural features at very different length scales,
opening to a special insight to the source of residual strains,
hysteresis loops, strain-rate effects, brittle and softening be-
haviours in tissues and organs.

II. THEORY

The theory of generalized standard materials, [2], is em-
ployed by introducing a suitable set Sf = {Sj

f with j =
1, . . . ,Mf} of Mf state variables for the addressed bio-
structure. In order to account for inelastic mechanisms, interior
forces dual to Sf are split in non-dissipative and dissipative
contributions. State quantities and interior forces are functions
of the time variable τ , although this dependence is generally
implicit in the following for the sake of compactness. Time
derivatives are denoted by dot superscript and Ṡf is the set
collecting the time derivatives of the state quantities.

Constitutive laws (namely, relationships among state vari-
ables and interior forces) are defined in a variational frame-
work by suitably introducing the free-energy (depending on
Sf ) and the pseudo-potential of dissipation (function of Ṡf ) as
convex functions, in order to satisfy a-priori thermodynamical
consistency requirements. Derivative of the free-energy (resp.,
pseudo-potential of dissipation) with respect to Sf (resp., Ṡf )
gives the non-dissipative (resp., dissipative) part of the interior
forces.

By adopting a multiscale approach and introducing con-
sistent inter-scale compatibility conditions, the elasto-damage
behavior of the addressed bio-structure is described in terms of
that of its nanoscale constituents. Accordingly, free-energies
and pseudo-potentials of dissipation at nanoscale are intro-
duced and suitably integrated on the basis of experimental
atomic-force microscopy and atomistic computations.

Inelastic mechanisms are described by considering damage
parameters as state variables, whose value is limited in beween
[0, 1], resulting equal to one in the undamaged case and zero
in the fully-damaged case. Moreover, damage is assumed to be
irreversible or not, depending on the nature of the constituent.
In the former case, temporal derivative of damage parameters
have to be a non-positive number. The physical restrictions
on the value of damage parameters or of their evolution
identify admissible convex sets. Such restrictions are enforced
as internal constraints in the variational formulation, by adding
indicator functions of admissibility sets and employing convex
analysis arguments.
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A. Model: uniaxial traction of collagen fibrils

The model is developed within an incremental framework,
considering the actual value x at time t of a given state quantity
as obtained from a perturbation dx = ẋdτ superimposed to the
reference value x̄ relevant to the time t̄ = t− dτ , and where
ẋ is, in agreement with the causality principle, the left-hand
time derivative of x in t. The governing equations for fibril
elasto-damage behavior are briefly reported in the following
for the sake of completeness. For a detailed description of the
model, refer to the work from the authors, [6].

Referring to a uniaxial traction case, the natural fibril strain
εf is split in the molecular contribute e1 and the intermolecular
sliding part e2. Thereby, the governing equations for fibril
strain are:

Ff = Ac{σ̄m + Em[(1− α1)�̄Rde1/�m,o − α1ε̄
e
mdτ/τo]} =

=
Ac

Am
{λc[r̄c + kc�̄Rfc(ū2)de2] + r̄ew + kw �̄R(1− α2)de2} ,

(1a)

where Ac, Am are cross-sectional area measures of fibril-
solid-area and molecules, λc is the density of covalent cross-
links, kc and kw are respectively the stiffnesses for inter-
molecular covalent cross-links and weak-bonds, and Em is
molecular tangent modulus. Moreover, �̄R is the reference
length of nanoscale assemblies, and ū2 the reference molecular
sliding. Furthermore, σ̄m, r̄c, and r̄ew are reference values of
molecular stress, covalent cross-links force, and weak-bonds
force, respectively. Finally, parameter τo, function fc, and
quantities α1 and α2 are defined on the basis of nanoscale
behavior observed from atomistic computations, [1], [6].

Damage behavior is described in terms of damage parame-
ters β1 (associated to molecular inter-strand delamination) and
β2 (related to inter-molecular slip-pulse sliding mechanisms).
To this aim, denote with Ēc (resp., Ēw) the elastic energy stored
in inter-molecular covalent-bonds (resp., weak-bonds), with cd
and wd (resp., cw and ww) the inter-strand delamination (resp.,
slip-pulse) viscosity and threshold, and with Ωm,o molecular
volume. Accordingly, the governing equations of the damage
behavior are:

cd
dτ

dβ̌1 +
Ēc

Ωm,o
− wd = 0 ,

cw
dτ

dβ̌2 + Ēel
w − ww = 0 , (1b)

where β̌1, β̌2 denote attempt values of damage parameters such
that

β1 =

⎧⎪⎨
⎪⎩
β̌1 if

{
β̌1 ∈ [0, 1]

dβ̌1 ≤ 0

β̄1 else

β2 =

{
β̌2 if β̌2 ∈ [0, 1]

β̄2 else
.

(1c)
Equations (1) are solved by following a displacement-based
approach at constant rate fibril elongation-rate u̇ and employ-
ing a time-step dτ = min(10−4�m,o/u̇, 0.1τo) as a result of a
convergence analysis.

III. RESULTS

The model reproduces with an excellent agreement available
atomistic computations results proposed in [8] (see Fig. 1).

Accordingly, model effectively describes the mechanics of
nanoscale assemblies that, in turn, determine fibril’s mechan-
ical response.

Moreover, three cycles of a traction loading-unloading test
are addressed. In agreement with experimental evidence, [7],
Fig. 2 shows that hysteresis loops clearly arise in fibril
constitutive response and residual strains in fibril appear at
the end of each cycle.

IV. CONCLUSION

The mechanical behavior of biological tissues strictly de-
pends on the biochemical environment and biophysical fea-
tures of its constituents. For instance, the physiopathological
behavior of a number of biological structures (e.g., tendons,
ligaments, aorta, cornea) strictly depend on collagen fibrils
that are here modeled by adopting a multiscale approach that
allows to introduce only parameters with a clear biochemi-
cal/biophysical meaning.

Accordingly, the proposed predictive model of collagen
fibrils opens to analyze physiopathological behavior of tissues
and organs as a function of nanoscale structural and chemical
alterations. Moreover, it can be successfully employed in
tissue engineering applications, providing a useful tool for
predictive studies on the quantitative tuning of fibril stiffness
and strength.
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Fig. 1. Fibril force Ff vs. fibril elongation u obtained from present model and molecular dynamical simulations (MDSs)
proposed in [8].

Fig. 2. Fibril stress σf vs. fibril natural strain εf obtained considering three cycles of a traction loading-unloading test.
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Abstract—The goal of this study is to evaluate the effects of 
robot-assisted upper limb therapy in subacute and chronic 
stroke patients using a set of kinematic parameters evaluated 
during each of the first 15 rehabilitation sessions. 

Twenty-four stroke patients, twelve subacute and twelve 
chronic, participated in the study. A 2 DOFs robotic system 
implementing an “assist-as-needed” control strategy was used. 

Kinematic parameters related to the speed measured at the 
robot’s end-effector were computed.  

Outcome clinical measures show a decrease in motor 
impairment at half-treatment both in chronic and subacute 
patients. Significant improvements in kinematic parameters 
within the first 15 sessions were observed in subacute patients.   
Keywords—Rehabilitation; motor recovery; upper limb; 

stroke; kinematics 

I. INTRODUCTION 

everal studies on robot-assisted rehabilitation treatment in 
subacute and chronic stroke patients  have shown a 
reduction of upper limb impairment [1], but till now an 

evidence of the advantage in the use of robotic therapy 
compared to traditional standard treatment is not still proved 
[2]. Recent systematic reviews showed that upper limb 
robotic treatments in stroke subjects can improve short- and 
long-term motor control, even if impact on functional tasks is 
not demonstrated yet [1]-[3]. The analysis of mechanisms of 
recovery in subacute and chronic stroke patients, currently 
based on the use of clinical scales only, assumes great 
importance in the rehabilitation area, as it can support clinical 
decisions. Robotic systems allow recording kinematic 
variables which can be used to provide qualitative 
information able to provide information on changes in motor 
performance during the rehabilitation treatment [4]-[9]. 

The aim of this work is to analyse the effects of robot-
assisted upper limb therapy in subacute and chronic stroke 
patients using clinical outcome measures and kinematic 
parameters evaluated during each of the first 15 rehabilitation 
sessions. 

II. METHODS 

A. Participants 

Twelve subacute stroke subjects, age range 49-77 (mean 
age 67.1±10.2) years, four men and eight women, were 
recruited for the study. Five had right hemiparesis . They had 
experienced the acute event 25±7 days prior to the study. 
Twelve chronic subjects, age range 31-86 (mean age 
60.9±13.6) years, six men and six women, were recruited for 
the study. Eight had right hemiparesis. They had experienced  

the acute event at least one year prior to the study. The level 
of the upper limb impairment for each stroke patients at 
admission was assessed using the Stage of Arm section of the 
Chedoke-McMaster (CM) Stroke Assessment Scale [10]. 
One subacute stroke subjects received a CM value of 1, five a 
CM value of 2 or 3, and six a CM score of 4 or 5. Eight 
chronic patients received a CM value of 2 or 3 and four a CM 
value of 4 or 5. 

B. Experimental setup 

  The InMotion ARM robot (Interactive Motion 
Technologies, Inc., Watertown, Ma, USA), designed for 
clinical and neurological applications, was used [11]-[13]. 

The 2 degrees of freedom robotic system supports the 
execution of reaching movements in the horizontal plane 
through an “assist as needed” control strategy. A monitor in 
front of the subject displays the exercises to be performed 
(Figure 1). 

C. Intervention 

Subacute patients performed 5 sessions per week for 6 
weeks, chronic patients 5 sessions per week for 4 weeks. 

Each subject was asked to perform goal-directed, planar 
reaching tasks, which emphasized shoulder and elbow 
movements, moving from the centre target to each of 8 
peripheral targets (Figure 2). In each session subjects 
received 45 minutes of robot-mediated therapy. The robotic 
treatment was composed of 2 different kinds of exercises, 
unassisted (Record) and assisted movements (Adaptive). 

In detail, each session was formed by (i) a series of 16 
assisted clockwise repetitions to each robot target (training 
test); (ii) a series of 16 unassisted clockwise repetitions to 
each robot target (Record); (iii) 3 series of 320 assisted 
clockwise repetitions (Adaptive). At the end of each 
Adaptive series, the patient is asked to perform a further 
series of 16 unassisted clockwise movements (Record). 
Kinematic data were computed starting from physycal 
variables recorded during the Record series of each of the 
first 15 sessions. 

D. Clinical outcome measures 

Each subject underwent an upper limb evaluation by an 
experienced physical therapist using the following scales: 1) 
Stage of Arm section of the Chedoke-McMaster (CM) Stroke 
Assessment Scale, 2) Upper Extremity subsection of the 
Fugl-Meyer (FM-UE) Assessment Scale, 3) Motricity Index 
(MI) and 4) Passive range of motion (pROM).  The clinical  
evaluation was performed on each patient before the first 
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session (Pre-treatment) and at half of the entire robot-assisted 
rehabilitation duration. 

E. Kinematic parameters 

The following kinematic parameters were computed: 1) 
mean velocity, 2) peak velocity and  3) normalized reaching 
speed. The mean speed vectors  and  are defined as 
follows:  

 [k]          (1) 

  

       (2) 

 
where N represents the number of samples for each 
recording. In this study the as resultant velocity in the xy-
plane was considered:  

           (3)  
 
The mean velocity is defined as follows: 

       (4) 

 
The peak velocity ( ) defined as the maximum value 

of [k] and the Normalized Reaching Speed (NRS) (Eq. 5) 
were computed as well. 

 

                 (5) 

F. Statistical analysis 

In order to evaluate statistical significance of the difference 
before and after the treatment on clinical outcomes measures, 
a one way repeated measures ANOVA was computed. Post-
hoc comparison was carried out using the Tukey test 
(p<0.05). A one-way ANOVA was used for evaluating 
differences in kinematic parameters during each of the first 
15 session of the treatment.  
 

 TABLE I. 
 PRE- AND POST-TREATMENT OUTCOME MEASURES IN SUBACUTE PATIENTS  

 PRE 
(mean±sd) 

POST 
(mean±sd) Change p 

FM-UE 27.17±12.24 33.58±13.69 6.42±5.88 <0.05 

MI 40.17±25.29 51.83±28.84 11.67±12.66 <0.05 

pROM 747.92±123.70 786.25±109.11 38.33±31.50 <0.001 

 

III. RESULTS AND DISCUSSION 

Table I shows a significant decrease in motor impairment of 
subacute patients following robot-assisted treatment. In 
chronic patients  statistically significant improvements were 
found in FM-UE and pROM as well (Table II). Kinematic 
parameters recorded in subacute patients show significant 
improvements (Figure 3-Figure 5). On the other hand, any 
significant improvements on kinematic parameters within the 
first 15 sessions were not observed in chronic patients 
(Figure 6- Figure 8). 

Our preliminary results show that robotic therapy assessed 
at half of the entire rehabilitation duration contribute to 

improve upper limb motor abilities in both subacute and 
chronic stroke patients. 

 
TABLE II.  

PRE- AND POST-TREATMENT OUTCOME MEASURES IN CHRONIC PATIENTS  

 
PRE 

(mean±sd) 
POST 

(mean±sd) Change p 

FM-UE 22.75±7.48 27.33±9.46 4.58±4.34 <0.05 

MI 36.83±18.77 42.17±21.12 5.33±6.70 N.S. 

pROM 641.25±79.23 689.58±74.18 48.33±27.33 <0.001 

 
The evaluation of kinematic parameters show significant 

improvements only in subacute patients. Chronic patients 
require a longer exposure to the robot-assisted therapy to 
achieve significant improvements [13]. 
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Fig. 2.  The “clock-like” robot-assisted therapy 
scenario. 

 
Fig. 1.  A stroke patient during the robot-assisted 
upper limb rehabilitation treatment. 

 
Fig. 3. Mean velocity values in subacute patients during the first 
15 sessions of robot assisted training (* indicates p<0.05). 

 
Fig. 4. Peak velocity values in subacute patients during the 
first 15 sessions of robot assisted training (* indicates 
p<0.05). 

 
Fig. 5. NRS values in subacute patients during the first 15 
sessions of robot assisted training (* indicates p<0.05). 

 
Fig. 6. Mean velocity values in chronic patients during the 
first 15 sessions of robot assisted training.  

 
Fig. 7. Peak velocity values in chronic patients during the 
first 15 sessions of robot assisted training. 

 
Fig. 8. NRS values in chronic patients during the first 15 
sessions of robot assisted training. 
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Abstract— Transcatheter aortic valve implantation (TAVI) is 
a minimally-invasive procedure introduced to treat aortic valve 
stenosis in elder patients. Its clinical outcomes are strictly 
related to patient selection, operator skills, and dedicated pre-
procedural planning based on accurate medical imaging 
analysis. The goal of this work is to define a finite element 
framework to realistically reproduce TAVI and evaluate the 
impact of aortic root anatomy on procedure outcomes through a 
comparative study based on two real patient datasets. A patient-
specific aortic root model including native leaflets, calcific 
plaques extracted from medical images, and an accurate stent 
geometry based on micro-CT reconstruction are innovative 
aspects included in the present study. Through the proposed 
simulation strategy we observed that, in both patients, stent 
apposition significantly induces anatomical configuration 
changes, while it leads to different stress distributions on the 
aortic wall. Moreover, for one patient, a possible risk of 
paravalvular leakage has been found in agreement with post-
operative clinical data, which have been analyzed to prove 
reliability of the performed simulations.  

Keywords—aortic valve, finite element analysis, patient-
specific modelling, TAVI. 

I. INTRODUCTION 

he first percutaneous transcatheter implantation of an 
aortic valve prosthesis in humans was described more 

than 10 years ago, in 2002, by Cribier [1]. Since then, such a 
minimally-invasive procedure to restore valve functionality 
in case of calcific stenosis has become a routine approach for 
high-risk or even inoperable patients [2].  

However, a high percentage of treated patients have shown 
moderate to severe perivalvular aortic regurgitation which is 
one of the most frequent complications associated with TAVI 
which correlates with an increased rate of mortality [3]. 
Incomplete prosthesis apposition due to calcifications or 
annular eccentricity, undersizing of the device, and 
malpositioning of the valve are the most common 
determinants of paravalvular leakage [3]. As a direct 
consequence, appropriate annular measurements, a correct 
evaluation of calcifications and of how they can affect 
prosthesis placement, as well as the optimal selection of 
prosthetic valve size are ``of utmost importance'' [4].   

Given such considerations, advanced computational tools 
integrating patient-specific information and accurate device 
data can be used to support pre-operative planning.  

In this context, the present work proposes a systematic 
approach to realistically simulate TAVI, tailored to the 
clinical practice; in particular, we propose a study, based on 
the analysis of pre-operative medical images of two real 
patients who underwent TAVI, with the final goal of 

predicting the post-operative performance of the prosthesis 
with respect to the specific anatomical features. The present 
work includes different issues which make it an original 
contribution, presenting the capabilities of an advanced tool 
for clinical support. In particular, i) the aortic valve model is 
complete of both the aortic sinuses and the native valve 
leaflets and the considered material model is calibrated on 
human data, ii) the calcific plaque is included within the 
model on the basis of imaging records, iii) the geometry of 
the prosthetic stent is very accurate, being obtained from 
micro-CT reconstruction.  

Last but not least, post-operative data collected by 
physicians for patients' follow-up are used to validate the 
obtained results. Validation of TAVI simulation is a critical 
issue since it is usually difficult to obtain good quality post-
operative data and images from the medical team. 
Additionally, postoperative CT is not included in the routine 
protocol of transcatheter aortic valve implantation either to 
not overload renal activity of often critical patients with the 
use of contrast die, or to avoid high radiation doses for the 
patient. Instead, the operation outcome is generally evaluated 
by intraoperative angiography as well as by follow-up 
ultrasound. In the present paper, on the basis of such 
routinely obtained data, we try to address a comparison 
between the real procedure outcomes and the simulation 
results. 

II. MATERIALS AND METHODS 

Two patients were recruited for the present study, both with 
severe symptomatic aortic stenosis. For both patients the 
Edwards SAPIEN XT size 26 was selected by physicians as 
the optimal device for implantation. 

The overall strategy we developed to obtain predictive 
outcomes of transcatheter aortic valve implantation through 
advanced computational tools can be roughly divided into 
four main stages: 

• processing of medical images; 
• creation of analysis-suitable models; 
• analyses to reproduce the clinical procedure; 
• post-processing and comparison with follow-up 

data. 
In the following we present a brief description of each 

procedural step. 

A. Medical image processing 

The native aortic valve geometry, including aortic sinuses 
and leaflets, as well as position and dimensions of 
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calcifications are extracted as STL representations from CT 
images using OsiriX software.  

B. Analysis-suitable models 

Starting from the STL file, an ad-hoc code implemented in 
Matlab (Mathworks Inc., Natick, USA) leads to a quasi-
automatic generation of meshed geometry  of the aortic root. 
Native leaflets are constructed within the obtained aortic root 
model integrating CT data and ultrasound information. 
Calcium properties, in terms of material properties and 
thickness, are assigned to the elements of the aortic valve 
overlapping the plaque deposits extracted from CT. 
 A faithful geometrical model of the implanted device is 
finally generated on the basis of a high-resolution micro-CT 
scan (Skyscan 1172 with a resolution of 0.17 micron) of a 
real device sample. 
In dealing with the adopted material models: an hyperelastic 
nearly-incompressible Yeoh model calibrated on human 
experimental data [5] is used to describe the aortic root and 
leaflet behaviour. Calcification are modelled according to [6], 
while the prosthetic device is modelled as follows: a von 
Mises-Hill plasticity model with isotropic hardening is used 
for the stent, while an isotropic hyperelastic model is used for 
the prosthetic leaflets made of bovine pericardium [7].  

C. Finite element analyses 

TAVI is a complex intervention composed of several steps; 
to realistically reproduce the whole procedure, we set-up a 
simulation strategy consisting in the following two main 
stages [8]:  

[a.] stent crimping and deployment: in this step, the 
prosthesis stent model is crimped to achieve the catheter 
diameter which, for a transapical approach, is usually 24 
French (8 mm); then, the prosthetic stent is expanded within 
the patient-specific aortic root to reproduce the implantation 
due to balloon expansion; 

[b.] valve mapping and closure: the prosthetic leaflets are 
mapped onto the implanted stent and a physiological pressure 
is applied to virtually recreate the diastolic behavior of the 
prosthetic device. 
In Fig. 1 the principal phases of the TAVI simulation strategy 
are shown. All the numerical analyses are non-linear 
problems involving large deformation and contact performed 
using Abaqus Explicit solver v6.10. 

III. RESULTS 

The obtained results can be classified into two main 
groups: (i) from the simulation of stent expansion we can 
evaluate the impact of the metallic frame of the stent on the 
native calcified aortic valve; (ii) after performing prosthetic 
valve mapping, from the simulation of valve closure, we can 
predict the post-operative device performance. 

Geometric changes of the aortic root after TAVI may have 
important clinical implications during follow-up management 
of the patient. For this reason, computational simulations can 
be used to compute the variation of the annulus dimensions, 
as well as the impact of the prosthesis on the aortic root and 
the related stress distribution along the vessel wall (as shown 
in Fig. 2). The uniform stress distribution of Patient-2 

suggests a more homogeneous interaction between the stent 
and the aortic tissue than for Patient-1, where two areas of 
stress concentration indicate on one side a better anchoring of 
the stent onto the aortic wall, on the other side, weak points 
prone to tissue degeneration and, eventually, aortic rupture. 

Another very important aspect we can evaluate and 
measure from the analysis results is paravalvular leakage, i.e., 
a retrograde blood flow which may occur after TAVI. In Fig. 
3 (left column) a measure of paravalvular leakage in terms of 
distance between the implanted stent and the aortic tissue is 
represented. Results show a more critical condition for 
Patient-2, which is in agreement with postoperative data 
collected from Echo-doppler evaluations: Patient-2 shows 
greater retrograde blood flow than Patient-1 (see Fig. 3).  

Finally, also the coaptation between the prosthetic leaflets 
can be measured from simulation outcomes, that is a 
parameter which directly correlates with intravalvular 
leakage. Also in this case, the comparison between Patient-1 
and Patient-2 highlights a good qualitative agreement with 
postoperative medical images. 

IV. CONCLUSIONS 

As extensively highlighted by medical papers, optimal 
prosthesis sizing with an accurate evaluation of the effects of 
calcifications represents a critical issue for TAVI procedure. 
In this study, we have investigated through structural finite 
element analysis the impact of patient-specific anatomical 
features of the aortic root on the post-operative performance 
of implanted TAVI device in two real cases. The numerical 
results underline the importance of an adequate adherence of 
the prosthesis stent to the aortic wall to reduce the risk of 
paravalvular leakage and the positive link between an 
appropriate apposition and the uniform distribution of the 
wall stress. The comparison between analysis results and 
routinely performed postoperative examinations demonstrates 
that the proposed simulation strategy can offer a reliable and 
useful tool to evaluate several clinically relevant aspects of 
TAVI, thus improving the efficacy of the operation technique 
and supporting device optimization. 
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Fig. 1.  Procedural steps of TAVI reproduced through a computer-based simulation strategy: a) the crimped stent is properly 
placed inside the aortic root model which is composed of the native leaflets (white), the native sinuses and surrounding aortic 
tissues (pink), and calcifications (yellow); b) the stent is expanded within the patient-specific aortic root; c) prosthetic leaflet 
closure is reproduced to evaluate postoperative performance. 

 
Fig. 2.  Impact of the prosthesis implant on the aortic 
root: von Mises stress [MPa] distribution along the vessel 
is reported to evaluate the interaction between the 
prosthetic stent and the aortic root wall. The more 
uniform stress distribution of Patient-2 suggests a more 
homogeneous interaction between the stent and the aortic 
tissue than for Patient-1, where two areas of stress 
concentration indicate on one side a better anchoring of 
the stent onto the aortic wall, on the other side, weak 
points prone to tissue degeneration and, eventually, aortic 
rupture. 

 
Fig. 3.  Evaluation of the degree of apposition between the 
prosthesis stent and the patient-specific aortic root anatomy: a 
contour plot of the distance [mm] between the aortic wall and 
the prosthetic stent is represented. Correspondent 
postoperative ultrasound images for the two considered 
patients are shown highlighting a greater retrograde blood 
flow for Patient-2 than for Patient-1. 



Abstract—The ultimate clinical success of stem cell therapies 
lies entirely in the ability to efficiently control and manipulate 
stem cell fate. Towards this goal, researchers have explored the 
use of advanced culture substrates called “synthetic niches”. 
These are polymeric systems mimicking individual aspects of 
the stem cell aspects of the stem cell interaction with the extra-
cellular microenvironment of the native niche, such as material 
properties and spatiotemporal variations of specific bioactive 
agents. We used two-photon laser polymerization to fabricate 
synthetic niches arranged in complex patterns, to study the 
effect of mechano-topological parameters on morphology, 
renewal and differentiation of rat mesenchymal stromal cells. 

We observed that niches directed cell homing, aggregate 
formation. They also provided an increased and truly three-
dimensional space for stem cell to adhere and renew. 

  
Keywords— Mesenchymal stem cell, synthetic niches, 

colonization, differentiation 
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Abstract— Foot ulcerations are one of the most common and 
invalidating complications that affect the diabetic patients [1]- 
[2]. Several two-dimensional (2D) finite element (FE) models of 
the foot have been developed in the last decades in order to 
understand what are the causes and to decrease their progress  
[3]–[4]-[5]. The aim of this work was to create four 2D FE 
models of an healthy and of a diabetic neuropathic subject 
integrating kinematic, kinetic and pressure data and to validate 
them by means of a comparison between experimental and 
simulated pressure values. These models could be a useful and 
fast application for the clinicians to prevent the development of 
the diabetic ulcers.  

 
Keywords—Gait Analysis, Finite Element Models, Diabetic 

Foot, Foot Ulcers. 

I. INTRODUCTION 

he diabetic foot is determined by the simultaneous 
presence of both peripheral neuropathy and vasculopathy 

that alter the biomechanics of the foot with the formation of 
callosity and ulcerations. The social and economic burden of 
the diabetic foot can be reduced through a prompt diagnosis 
and treatment. FE analysis allows to characterise and 
quantify the loads developed in the different anatomical 
structures and to understand how these affect foot tissue in 
dynamic conditions [2]. In this study 8 experimentally 
kinematics-kinetics based FE models of the hindfoot of a 
healthy and of a diabetic neuropathic subject were developed 
in order to define more efficient subject specific 
computational model of the hindfoot that accounts for in-vivo 
kinematics, kinetics and plantar pressure data together with 
foot magnetic resonance images (MRI) data. 

.  

II. MATERIAL AND METHODS  

A. Experimental Procedure 

The biomechanical analysis of the foot was carried out as 
in [6]–[8] on 10 healthy (HS) (age 58.7±10 years, BMI 
24.5±2.6 kg/m2) and 10 diabetic subjects with neuropathy 
(NS) (age 63.2±6.4 years, BMI 24.3±2.9 kg/m2). The 
experimental setup included a 6 cameras 
stereophotogrammetric system (60-120 Hz BTS S.r.l, 
Padova), 2 force plates (FP4060-10, Bertec Corporation, 
USA) and 2 plantar pressure systems (Imagortesi, Piacenza). 
The signals coming from all systems were synchronized in 
post processing as in [6]. For each patient’s foot the hindfoot, 
midfoot, forefoot and tibia subsegments 3-dimensional (3D) 
kinematic was calculated together with hindfoot, midfoot, 
forefoot 3D ground reaction forces and plantar pressure. 

B. Finite Element Models 

The MRI of the foot of a healthy subject and of a diabetic 
neuropathic subject was acquired with 1.5T devices (Philips 
Achieva and Siemens Avanto, Spacing between slides: 0.6-
0.7mm, Slice thickness: 1.2-1.5mm). MRI images were then 
segmented with Simpleware ScanIP-ScanFE (v.5.0) in order 
to get four slice of the foot from which four 2D FE models of 
the foot were developed both for the healthy and the diabetic 
subjects (Fig. 1 and Fig. 2). The modeled section were 
chosen as typical areas of development of ulcers and 
according to the position of the marker in the gait analysis 
protocol: the slice passing through the first and the fifth 
metatarsal heads, the slice passing through the malleoli, the 
slice passing through the calcaneus and the second metatarsal 
head and the slice passing through the calcaneus and the first 
metatarsal head.  

Finally the slices were imported into ABAQUS (Simulia, 
v.6.12) and meshed with quadrilateral elements according to 
the literature [9]. An horizontal rectangular element was 
drawn in ABAQUS under the heel slice to simulate the 
ground support. It was meshed with 8 mm side quadratic 
elements with the aim to obtain contact pressures values 
comparable with the experimental ones (according to plantar 
pressure system sensors dimension). The skin was 
represented by an homogeneous isotropic soft tissue model 
with an hyperelastic material formulation in first order Ogden 
form and coefficients from [10]. Both the floor and the bones 
were modelled as homogeneous isotropic linear elastic 
materials [5]- [9]. The foot-floor interface was modelled 
using contact surfaces with a coefficient of friction of 0.6 
[11]. The bones were tied to the soft tissues.  

The displacements of the markers determined from the gait 
analysis data for each patient in four instances of the stance 
phase of gait (initial contact, loading response, midstance and 
push-off) were used as input for the simulations. Also the 
position of the foot with respect to the floor was considered, 
matching the FE model angles to the experimental one 
obtained from the kinematic data. FE simulations were run 
with the kinematics and kinetics data of 10 HS and of 10 NS 
included the 2 subjects whose MRIs were used for defining 
the FE models geometry.  

III. RESULTS 

The validations of the models have been performed 
computing the RMSE between the experimental and the 
simulated plantar pressures in percentage of the experimental 
peak value. Results for the diabetic subjects are shown in 
Table I. For the healthy subject the values are comparable 
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and shown in Table II. 
 
 

 
 
 
 

 

 

IV. CONCLUSION 

In general, model predicted plantar pressures were in good 
agreement with those measured during the considered sub-
phases of the stance phase of gait. 

Even under the restrictive assumptions of 2D 
representation, which is clearly inadequate for a complete 
model of the complex mechanics of the foot, it is possible to 
run fast computational simulations that provide useful 
information for the clinicians towards a prevention of plantar 
ulcer formation. 
This information may provide new insight into planning 
preventive treatment by including pressure relief insoles in 
the simulation. In conclusion, our research indicated that 
using the subject specific in-vivo measured biomechanical 
data for the simulation of the FE foot model can provide 
more realistic results on the soft tissue plantar pad pressure 
distributions and deformations.  
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TABLE I 
RMSE BETWEEN THE EXPERIMENTAL AND THE SIMULATED PLANTAR 

PRESSURES IN PERCENTAGE OF THE EXPERIMENTAL PEAK VALUE, IN FOUR 

INSTANCES OF THE STANCE PHASE OF GAIT AND FOR THE FOUR MODEL OF 

THE DIABETIC SUBJECT. 
 

 Initial 
contact 

Loading 
response 

Midstance 
Push-

off 
1st metatarsal 
-calcaneus 
model 

25.08 20.43 33.26 24.69 

2st 
metatarsal -
calcaneus 
model 

22.20 24.68 37.82 41.67 

1st-5th 
metatarsal 
head model 

- 45.77 46.34 46.25 

Through 
malleoli 
model 

35.36 42.12 46.58 - 

 

TABLE II 
RMSE BETWEEN THE EXPERIMENTAL AND THE SIMULATED PLANTAR 

PRESSURES IN PERCENTAGE OF THE EXPERIMENTAL PEAK VALUE, IN FOUR 

INSTANCES OF THE STANCE PHASE OF GAIT AND FOR THE FOUR MODEL OF 

THE HEALTHY SUBJECT.  
 

 Initial 
contact 

Loading 
response 

Midstance 
Push-

off 
1st metatarsal 
-calcaneus 
model 

17.08 27.57 27.76 22.07 

2st 
metatarsal -
calcaneus 
model 

43.62 28.62 55.59 26.05 

1st-5th 
metatarsal 
head model 

- 30.47 45.06 24.83 

Through 
malleoli 
model 

16.78 18.10 15.18 - 
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Fig. 1.  The figure shows the four models developed for the healthy subject. A) 1st-5th metatarsal head model; B) Through 
malleoli model; C) 1st metatarsal -calcaneus model; D) 2st metatarsal -calcaneus model. 

 

 
Fig. 2.  The figure shows the four models developed for the diabetic subject. A) 1st-5th metatarsal head model; B) Through 
malleoli model; C) 1st metatarsal -calcaneus model; D) 2st metatarsal -calcaneus model. 
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Abstract— Cardiac trabeculae are cylindrical structures 
characterized by an axially orientation of myocytes which cover 
the ventricles endocardium. They are preferably oriented in the 
apico-basal direction, and represent a significant percentage of 
the ventricular mass (from 12% to 17%). The aim of the project 
is to study the influence of the trabecular mass on ventricular 
performances by comparing different finite-element models 
(with or without trabeculae) of the left ventricle, keeping 
constant the total muscular mass and the intra-ventricular 
volume. The ventricle was simplified as a truncated ellipsoid 
and the trabeculae as cylindrical strands laying onto the 
endocardium oriented along the ventricular axis. The cardiac 
tissue was modelled by an hyperelastic anisotropic law, and the 
cardiac fibers oriented according to literature data. Physiologic 
atrial pressure was set during the ventricular filling phase, while 
an RCR model was coupled to the ventricle to simulate the 
systemic circulation. The results show a significant role of 
trabeculae on ventricular hemodynamics: the presence of 
trabecular mass increases the ventricular filling, allowing a 
remarkably higher ventricular cardiac output to be developed.  
Keywords—trabeculae, cardiac mechanics, computational 

modelling. 

I. INTRODUCTION 

N the adult heart, cardiac trabeculae appear as cylindrical 
structures which cover the endocardial surfaces of both 

ventricles. They are characterized by an axial orientation of 
cardiac fibres and are arranged in a complex shape, 
preferably arising from the free wall and insert into the atrio-
ventricular ring. The trabecular mass represents a significant 
percentage of the ventricular total mass; in healthy subjects, 
this percentage has been estimated to vary from 12 to 17% of 
the total ventricular muscular mass [1,2]. 

Left ventricular trabeculae are frequently seen during 
echocardiographic examinations, and even if there is not a 
universally accepted criteria, a value of trabecular mass 
higher than 20% of ventricular mass is considered an index of 
left ventricular non compaction, a primary cardiomyopathy of 
genetic origin that can lead to heart failure, trombo-embolism 
and arrhythmia. Despite these findings, the literature lacks of 
studies about the role of trabecular mass on heart behaviour. 
The aim of this work is to understand the influence of 
ventricular trabeculae on cardiac performances. 

II. MATERIALS AND METHODS 

To understand the influence of cardiac trabeculae on heart 
mechanics, a finite element model of the left ventricle was 
developed within the finite element framework provided by 
Abaqus (Abaqus®, SIMULIA, Dessault Systémes). 
In particular, the purpose is to compare the ventricular 
behaviour in the presence or the absence of the trabecular 

non-compact layer. Thus, different geometrical models, with 
or without trabeculae, were designed keeping both the total 
ventricular muscular mass and the intraventricular volume 
constant. Further, different trabeculae diameters and mass 
were implemented to investigate the influence of these 
parameters on the model outcomes. 

A. Geometrical model 
Two different types of geometry were implemented: a 

“smooth” and a trabeculated model. In both cases, the left 
ventricle was simplified as a truncated ellipsoid. The 
undeformed configuration of the smooth ellipsoid is 
characterized by a major axis of 57 mm, a minor axis of 14 
mm and a constant wall thickness of 9 mm; thus, the 
ventricular volume at zero pressure is 43 ml, according to 
previous works [3]. To design the trabeculated geometries, a 
percentage of the total muscle mass was changed from 
compact layer to trabeculae at the endocardium, keeping 
constant the intraventricular volume. The trabeculae were 
described as cylindrical strands oriented along the ventricular 
axis direction, laying onto the endocardium (Fig.1). Thus, the 
wall thickness is not uniform in the trabeculated models: at 
the trabeculae the wall thickness increases, while in the inter-
trabecular spaces the wall thickness is lower with respect to 
the smooth model. The reference trabeculated model is 
characterized by a trabecular mass equal to the 15% of the 
ventricular mass, and a trabeculae diameter of 4 mm. Two 
additional trabecular mass were implemented, in particular 
the 7% and the 22%. Further, trabeculae diameter of 3.4 mm 
and 5.2 mm were considered at a constant trabeculated mass 
of the 15%. All the models were discretized by 8-node 
hexahedral elements; a different number of elements was 
required for each model, but this number was always higher 
for the trabeculated models, due to their geometrical 
complexity (Fig.1). In particular, the smooth model was 
discretized in about 18000 elements, while 61000 elements 
were required for the reference trabeculated model. 

B. Cardiac tissue modelling 
The left ventricular wall is composed of discrete layers of 

parallel myocytes with a variable orientation through the wall 
thickness: in the compact layer, the preferential fibres 
direction is about -80° near the epicardium, rotates to 0° at 
the midwall and reaches +80° at the endocardium with 
respect to circumferential direction [4]; in the non-compact 
layer the fibres follow the trabecular axial direction. To 
replicate this fibre arrangement, a custom MATLAB routine 
(MATLAB®, The MathWorks, Inc) was developed (Fig.1). 
To model the cardiac tissue behaviour, both the passive and 
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active behaviour of the cardiac fibres have to be modelled. 
About the passive material properties, a hyperelastic 
anisotropic constitutive model was chosen (Eq.1-3) [5];  

     (1) 

                              (2,3) 

The cardiac fibres direction is defined by the unit vector . 
This form of the constitutive law is valid for a single family 
of perfectly aligned fibres. The material parameters (C10, k1, 
k2) were chosen such that the diastolic pressure-volume (PV) 
relationship of the reference trabeculated model fitted a 
physiological one [6]. The active behaviour of myocytes was 
implemented by increasing the material stiffness during 
systole according to the contraction curve of a cardiac fibre 
[7]. The maximum parameters values (Table I) were chosen 
to obtain a physiologic ventricular torsion peak in the 
reference model. Indeed the ventricular torsion, which is the 
rotational movement of the ventricular apex with respect to 
the base, reflects the synergic interaction between myocardial 
constitutive components; a physiologic value of torsion is 
fundamental for a realistic ventricular kinematics [8]. 

 

 

 

 

 

C. Boundary conditions 
The models boundary conditions included: kinematic 

constraints to avoid rigid motions of the structure; the 
implementation of a pre and an afterload circuit for the 
ventricle. About the kinematic boundary conditions, to 
constrain the model, all the displacements of the ventricular 
base were prevented. The preload circuit consist of a 
resistance placed between a single node, representing the left 
atrium (LA), and the ventricle. The diastolic phase is 
simulated by applying a constant pressure of 5.25 mmHg at 
the atrium. Instead, the afterload circuit was simulated by an 
RCR model, according to a previous work [8] (Fig. 2). 
Briefly, the circuits resistances were set by imposing a 
piecewise linear Δp-Q relationship between the nodes 
upstream and downstream to the resistance of interest. Thus, 
the backward flows, e.g. from the ventricle to the atrium, 
were prevented by imposing zero-flow at a negative pressure 
difference. Since a hydraulic compliance is not implemented 
in Abaqus, a sphere composed of shell elements was 
designed to guarantee a compliant element which can 
simulate the systemic circulation compliance. To reach the 
steady state of the system, a minimum of five cardiac cycles 
were simulated for each model. 

III. RESULTS 

The results of the simulations are first shown in terms of 
ventricular PV loop. In Fig. 3 the comparison between the 
smooth and the reference trabeculated model is presented. 

The trabeculated model is characterized by an higher 
compliance with respect to the smooth: the end-diastolic 
volume (EDV) is significantly higher (+30%) if the 
trabeculae are present, as well as the stroke volume (SV) 
(+20%). Hence, the cardiac output (CO) at 75 bpm is 5 l/min 
for the trabeculated ventricle and 4 l/min for the smooth 
ventricle. Further, the EDV increases as the trabecular mass 
increase; the results highlight a non-linear relationship of the 
EDV (and SV) against the spongy layer mass (Fig. 4). Thus, 
the mere presence of a trabeculated mass is more relevant 
than the progressive growth of the spongy mass in terms of 
ventricular filling. Furthermore, the trabeculae diameter 
influences the fibre stress distribution across the ventricular 
wall. Indeed, a lower diameter is responsible for a more 
uniform fibre stress between the trabeculae and the inter-
trabecular spaces (Fig. 5).   

IV. CONCLUSION 

In this work a dependence of the ventricular filling from 
the presence of an endocardial spongy layer was assessed. 
The ventricular filling is a fundamental parameter in 
determining the heart performances; more than the 50% of 
the patients suffering of heart failure symptoms show a 
normal ejection fraction and are referred to as diastolic heart 
failure patients. In this context, the trabeculae play a 
fundamental role, since they can significantly contribute to 
the achievement of a physiologic EDV and CO. Moreover, 
the computational approach adopted in this work allowed a 
parametric study to be performed, which revealed a more 
homogeneous stress distribution in the ventricular wall as the 
trabeculae diameter reduces. This finding can explain the 
preferentially presence of fine trabeculations at the 
endocardium. Indeed, the stress distribution uniformity is 
important for a homogeneous energetic consumption of the 
cardiac cells and, consequently, of a uniform myocytes work 
and oxygen demand. 
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TABLE I.  MATERIAL PARAMETERS VALUES 

Parameter Diastolic Value  
[kPa] 

Maximum systolic value 
[kPa] 

C10 0.2 6 

k1 1 150 

k2 2 2 
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Fig. 1. Geometrical model and fiber distribution from epicardium to 
endocardium in (a) the smooth model and (b) the reference trabeculated 
model. The trabecula, with an axial fiber orientation, is highlighted in blue. 
 

 
 

Fig. 2. Ventricular pre-load and after-load circuits (PLA=left atrium pressure; 
R1=0.2 mmHg/(l/min); R2=0.325 mmHg/(l/min); R3=22.72 mmHg/(l/min); 
C=8*10-5 l/mmHg, PRA=right atrium pressure). 
 
 
 
 
 

 
 
 

 
 
 
 

 
 

Fig. 3. PV loop of the smooth and the trabeculated model. 
 
 

 
 

Fig. 4. EDV (top) and SV (bottom) values against the trabecular mass 
variation for the different models. A trabecular mass of 0% represents 
the smooth case. 

 
 

 
 
Fig. 5. Stress distribution at the systolic pressure peak along the wall thickness for different trabeculae diameters (Dt) (0% of 
wall thickness is the endocardium, 100% represents the epicardium). 
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Abstract—The knowledge of the mechanical behaviour of the 
skin is required by various medical disciplines such as 
dermatology, surgery and traumatology. More specifically, this 
work has been focused on one specific skin layer: the dermis. 
The aim was to verify the influence of the decellularization 
treatment on its properties.  

The specimens were subjected to uniaxial static tests 
performed with Bose Electroforce® 3200 and experimental data 
were represented with engineering and real time stress-strain 
curves. Descriptive parameters were identified from stress vs. 
strain curves, and they were subsequently compared through 
multivariate analysis of variance to determine the influence of 
the specimen cut orientation and of the decellularization 
treatment duration. The dermis which had been decellularized 
for 5 to 6 weeks, has exhibited mechanical properties 
comparable with native dermis ones. The ultimate tensile 
strength and the maximum Young’s modulus were shown to be 
considerably higher in real time curves than in engineering 
ones: real time curves should therefore be used when modelling 
dermis behaviour, while engineering curves should be confined 
to comparative analysis, where they are able to provide 
indications with a higher repeatability and a simpler 
experimental set up. 
Keywords—human dermis, static mechanical tests, 

decellularization treatment. 

I. INTRODUCTION 

HE skin is the largest organ of the body; it works as a 
barrier to the environment and it controls thermal 

regulation and hydration retention. Engineered skin 
substitutes have a significant medical practice in relation to 
patients with extensive burn wounds. Up to now, the 
engineered tissue cannot faithfully replicate the mechanical 
properties of normal skin although advances in tissues 
engineering let foresee that skin substitutes will be 
indistinguishable from the normal skin in a near future. 
Alloplastic material and skin allografts are the most suitable 
replacement integumentary for reconstructive surgery [1]. In 
fact, they maintain the peculiar architectural structure of the 
dermis and, at the same time, the decellularized human 
reticular dermis is a not an immunogenic product when 
transplanted in the patient.  
The tensile test is the most widely used mechanical test 
performed on ex vivo skin (epidermis, dermis, and 
hypodermis) specimens: using this method, the anisotropic, 
non-linear and viscoelastic behaviours of skin have been 
explored, as well as its failure behaviour [2]. In general the 
dermis gives a major contribution to the overall mechanical 
characteristics of the skin because of its main constituents: 
collagen and elastin fibrils allow for high levels of 
deformation and flexibility, as the fibrils stretch and re-
orientate [3]. 

II. MATERIALS AND METHODS 

A. Specimens 

Specimens of skin tissue have been collected from a single 
donor back to decrease the number of factors that could bias 
results; they were dissected along craniocaudal (CC) or 
mediolateral (ML) directions and decellularized in NaOH 
culture (Fig. 1). They were either non-chemically treated or 
incubated from 1 to 7 weeks; all specimens were preserved in 
glycerol at 85%.  

B. Photographic set-up 

Two different photographic set-ups have been developed in 
order to assess the size of the specimens: 

Set-up 1: Finalized to measure the specimens’ dimension at 
rest. It included a full-frame digital camera (Canon EOS 5D 
Mark II), with an autofocus lens for macro photography 
(Canon EF 100mm f/2.8 Macro USM), a camera stand with 
two light stands, and a tripod. 

Set-up 2: Finalized to follow rupture tests in real time. It 
included the previously described digital camera, a second 
digital single-lens reflex camera (Canon EOS 400D), a tripod 
and remote capture software (DSLR Remote Pro).  

Before testing, specimen pictures were taken from the top 
and from the side (Fig. 2). Width and thickness of the middle 
zone were measured using the image analysis software 
ImageJ (as an average of five different measures), obtaining a 
0.01 mm/pixel measurement resolution from a 21.0 MP 
image (5616x3744 pixels). 

C. Mechanical Tests 

The specimens were washed in physiological solution to 
eliminate all the glycerol and were successively subjected to 
uniaxial tests in order to assess their mechanical properties; 
test parameters were selected according to natural tissue 
properties and Bose Electroforce® features. Each failure 
tensile test was performed in displacement control at a strain 
rate of 0.032 s−1 (0.16 mm/s).  
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D. Elaboration Data 

In this work, the results of failure tests have been reported 
following two different representations:  

 ‘Engineering’ stress/strain curves [4]: stress and 
strain calculated from load and displacement, 
referring to the initial specimen cross section and 
length, respectively.  

  ‘Real time’ stress/strain curves [5]: specimen cross 
section and length measured in real time.  

Some descriptive parameters have been identified in both 
curves: ultimate tensile strength (UTS) and maximum 
Young’s modulus (E). The normality of the statistical 
distribution of both parameters has been tested by Lillie test 
function in Matlab R2010a and multivariate analysis of 
variance (ANOVA) has been performed in order to assess the 
influence of specimen cut orientation and duration of cell 
removal treatment. Significance levels for these tests were set 
to p<0.05. ANOVA was followed by the Tukey–Kramer 
post-hoc test to compare the averages of two reference 
groups (non-chemically treated specimens cut along two 
directions) with the averages of each combination of duration 
treatment and specimen orientation.  

III. RESULTS AND DISCUSSIONS 

The results of uniaxial experimental tests were compared 
assuming a perfectly uniaxial loading condition, 
homogeneous stress-strain fields and a uniform distribution 
of collagen fibers. A softening trend of stress-strain curves 
(both “engineering” and “real-time” ones) was observed as 
well as a nonlinear elastic anisotropic behaviour of the tissue. 
Furthermore, the decellularization treatment has proven to 
reduce dermal mechanical properties, considering all 
incubation times. An incubation period between 5 and 6 
weeks makes an exception since, in this case, the mechanical 
properties are partially recovered (Fig. 3). 

The influence of specimen orientations and treatment 
duration was evaluated applying statistical tests (ANOVA) to 
the results obtained from the engineering curves. This type of 
analysis turned out to be only qualitative because engineering 
curves were based on a simplified hypothesis that could not 
be considered adequate for soft tissue. ANOVA demonstrated 
how both specimen cut orientation and treatment duration 
have significant influence on UTS and E. Multiple 
comparison demonstrated how specimens cut along ML 
direction and decellularized for 5 and 6 weeks were not 
significantly different from ‘untreated’ ones, both 
considering UTS and E, with a confidence level of 95% and 
97% respectively. On the contrary, all specimens cut along 
craniocaudal direction, for whatever treatment duration, were 
significantly different from the reference native group. 

Also real time curves were considered since the dermis has 
exhibited large deformations during tests. The trend of real 
time curves has remained similar to the engineering ones, but 
UTS and E values have resulted to be considerably higher: 3-
4 times and up to 7 times respectively for UTS and E (Fig. 4). 

IV. CONCLUSION 

This work is part of a project focused on the mechanical 
characterization of acellular human dermal matrix. The 
measurement of the fundamental mechanical properties of the 
decellularized excised human skin is mandatory in order to 
be able to develop engineered materials for skin 
reconstruction, and to compare their performances with those 
of native skin. This work was focused on failure tests and 
was aimed to the assessment of the impact of different 
durations of cell removal treatment on specimen's structural 
performance or material behaviour. Specimen orientation has 
been taken into consideration because of tissue anisotropy. 
As a result, the authors were able to prove how the human 
excised dermal matrix tissue, when decellularized under 
incubation culture in NaOH for 5–6 weeks, exhibits 
mechanical properties, which are comparable to the native 
one. Besides, the mechanical behaviour of specimens cut 
along the mediolateral direction was systematically higher 
than those cut along the craniocaudal one. 
From a quantitative point of view, the values of ultimate 
tensile strength and maximum Young’s modulus can be 
greatly underestimated whenever a tissue undergoes large 
deformations and engineering stress/strain curves are 
considered; therefore real time stress/strain curves have also 
been measured in order to achieve the best estimate of these 
parameters, as needed to set up and validate skin 
computational models, such as those based on finite 
elements. 
On the whole, indications about the optimal decellularization 
treatment duration have been given together with refined 
mechanical properties of the tissue. 
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Fig. 1.  Immunohistochemistry: staining with anti-HLA II (human major histocompatibility complex class II) before the 
treatment and after 4 and 6 weeks of incubation in NaOH. 

 
 

Fig. 2.  Specimen sizing: a) top view; b) lateral view. 
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Fig. 3.  a) Engineering ultimate tensile strength (UTS) and b) engineering maximum Young’s Modulus (E) with relative standard deviations in function of the 

treatment length (the number following T represents the number of treatment weeks) for specimens cut along craniocaudal (CC) and mediolateral (ML) 
directions respectively. 
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Fig. 4.  a) Comparison between ultimate tensile strength (UTS) values and b) maximum Young’s modulus (E) values obtained for engineering and real time 
curves, with relative standard deviations, in function of treatment length (the number following T represents the number of treatment weeks) for specimens 

cut along craniocaudal (CC) and mediolateral (ML) directions respectively. 
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Abstract—The purpose of this study was to design an 
experimental set-up for an in-depth analysis of dental implant 
retrieval. As a benchmark, a comparison has been made 
between two different tools: CORONAflex® and a sliding 
hammer crown-remover.  
Six operators have tested both tools with 40 replications; results 
were subsequently compared through multivariate analysis of 
variance (ANOVA) to determine the magnitude of the 
experimental error and to assess the influence of both factors 
(the tool and the operator) and of their interaction. 
Both CORONAflex® and the manual sliding hammer crown-
remover performances have resulted to be affected by the 
operator and by the specific device being used; however 
CORONAflex® data have shown a higher repeatability. 
Moreover, while the peak removal force for CORONAflex® 

belongs to a range between 374 N and 490 N, the range of 
variation of the same peak force is between 99 N and 316 N for 
the sliding hammer crown-remover. 
Keywords—coronaflex, crown-remover, implant retrievability 

I. INTRODUCTION 

Dental implants have a high success rate and have 
significantly improved both in terms of function and 
aesthetics [1], nonetheless there are still complications which 
may lead to the need of removal of the implant due to 
complications or implant failure in the medium-to long-term. 
Clinical methods to retrieve an implant-supported crown 
make use of devices with a high modulus and short duration 
impact force. However, there is no guideline for the clinician 
as to the best practice for crown removal: many low-force 
impacts or one single shot? Furthermore, it is unclear which 
kind of removal device, cement and cement application 
technique is useful to achieve an adequate retention, while 
still maintaining retrievability [2]. This study is aimed to 
provide some more insight into this subject, having designed 
an apposite experimental set-up, able to provide quantitative 
and reproducible data. The comparison between two different 
implant retrieval tools is used as a benchmark; these tools are 
CORONAflex® and a sliding hammer crown-remover; both 
tools are currently sold on the market. 

II. MATERIALS AND METHODS 

The plan of experiments considered six tools (three 
different CORONAflex® and three sliding hammer crown-
remover), and six operators: three dental practitioners, and 
three inexperienced operators. Each experiment was 
identified by the respective tool and operator, and was 
replicated 40 times at regular intervals lasting 3 seconds. On 
the whole, 1440 tests have been performed. 

A. CORONAflex® tool 

CORONAflex® is a device manufactured by 
Kaltenbach&Voigt GmbH, distributed by KaVo Dental 
GmbH and intended solely for procedures in the dental 
medicine (fig. 1). In the intention of its designer, it allows 
performing rapid, effective and secure dentures and crowns 
extractions; in most cases, the prosthesis remains intact after 
removal and can therefore be re-used. The energy source is 
compressed air, with an operating pressure ranging from 3 to 
5 bar, which pushes a plunger towards the extractor tip. This 
pulse fractures the cement, and allows the prosthesis removal 
[3]. This article refers to the extraction of dental crowns 
using a loop (fig. 1) which is introduced under the bridge, as 
close as possible to one of its pillars. It is then secured by a 
special loop holder, where the impact force is applied. The 
same operations are then repeated next to each pillar, and the 
whole procedure is repeated until the complete removal of 
the bridge is obtained. 

B. Sliding hammer crown-remover 

The sliding hammer crown-remover (fig. 1) belongs to the 
category of manual instruments. It is made of a steel rod, and 
a concentric mobile mass, whose shape and weight can vary 
from a hammer to another one; various tips can be attached to 
the rod end. The hammer tip is positioned between two 
crowns and the moving mass is then repeatedly thrown along 
its guide, producing small strokes, in a short period of time. 

C. Instrumentation 

The experimental set-up employed a screw bearing a 
diametric hole (fig. 2) which the loop holder passed through. 
The screw has been attached to a force transducer 
(Brüel&Kjær, type 8201). The loop holder arm has been kept 
perpendicular to the transducer axis, through a special fixture. 
Several preliminary tests have been performed in order to test 
if this experimental set-up could faithfully reproduce the 
actual procedure, despite having simplified real working 
conditions. 
Preliminary tests have also demonstrated that the input 
pressure is not influent on the amplitude of the signal 
produced by CORONAflex®. This pressure has therefore 
been kept equal to 4 bar in all experiments. 

D. Signal analysis 

The force signal produced by CORONAflex® has shown a 
higher repeatability, as it could be expected since this signal 
is produced automatically. The force pattern is made of two 
components (fig. 3): the pulse itself, which is the object of 
this inquiry, and an extinguishing oscillating response due to 
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the dynamic response of the load cell; these two signals 
overlap in the first phase, and this is the reason why the peak 
is not symmetric and its amplitude might be wrongly 
estimated. The following procedure has been therefore 
implemented: the pulse peak has been identified and the 
signal has been made symmetric with respect to this point. 
The so generated curve (fig. 3) has been interpolated with a 
6th degree polynomial and the peak width has been so 
established. 

E. Statistical analysis 

Two null hypotheses have been formulated with reference to 
the significance of the operator and of the removal tool on the 
peak removal force. The analyses of variance (ANOVA) have 
been performed both considering each tool singularly, and all 
data together (Table I): in the last case, results obtained with 
different tools of the same kind (CORONAflex® or the slider 
hammer crown-remover) have been considered as 
replications of the same experiment. 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

III. RESULTS AND DISCUSSION 

A. Results repeatability 

The replication of tests has proven that the peak amplitude of 
forces reached by CORONAflex® is much more repeatable 
compared to the slider hammer crown-remover: a coefficient 
of variation (i.e. the ratio of the standard deviation to the 
mean) of 22% has been measured, against 31% measured 
employing the sliding hammer crown-remover. 

B. Operator influence 

The operator has resulted to play a significant influence, and 
this assertion remains true also considering each tool 
singularly (Table I). However, with reference to 
CORONAflex® tool, changing operator produces a 
coefficient of variation up to 9.8%, while it rises up to 43.3% 
with reference to the sliding hammer crown remover. 
Images of signals obtained by different operators have been 
reported in figure 4: even when the peak amplitude is the 

most similar, the pattern of the signal can be very different in 
the case of the sliding hammer crown-remover. 

C. Tool influence 

The employed tool has resulted to play a significant influence 
and this assertion remains true also considering 
CORONAflex® or the sliding hammer crown-remover 
singularly (Table I). However, with reference to 
CORONAflex® tool, changing the tool produces a percentage 
variation equal to 8.8%, while it rises up to 37.5% with 
reference to the sliding hammer crown remover. Figure 5 
allows to visually appreciating the impact of employing 
different tools on the final signal shape. 

D. Tool-operator interaction 

The interaction between the tool and the operator is indeed 
significant: certain operators have produced much more 
repeatable results in spite of using different tools, compared 
to other operators (Table II). 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

IV. CONCLUSION 

The analysis carried out in this study could lead to the wrong 
conclusion that both removal devices produce a significant 
variability in the procedure; however it should be considered 
that a 15% variation can be considered a reasonable condition 
of work; in relation to this limit, CORONAflex® has certainly 
performed well: changing both the operator and the device, 
the peak removal force stays in the range from 374 N to 490 
N. On the contrary, the range of variation of the same peak 
force when using the sliding hammer crown-remover is very 
wide, being between 99 N and 316 N. 
The experimental set-up has proved to allow the study of 
dental implant retrieval, providing force pattern versus time 
with good repeatability, and well simulating real working 
conditions. 
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Fig. 1.  CORONAflex® (a), its loop for the extraction of dental crowns 

(b) and the sliding hammer crown-remover (c). 

 
 

Fig. 2.  The experimental set-up. 

 
 

Fig. 3.  Signal interpolation for the estimation of peak amplitude. 

 

 

 
 

Fig. 4.  Force pattern vs. time, produced by different operators in the 
case of CORONAflex

®
 tool (a) or of the sliding hammer crown-remover 

(b)

 

 

Fig. 5.  Force pattern vs. time, produced by different tools in the case of 
CORONAflex tool (a) or of the sliding hammer crown-remover (b). 

 

a) 
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Abstract—We have adapted a miniaturized and optically 
accessible bioreactor to study the neuroprotective effect of 
mesenchymal stromal cells on neuronal-like cells in a 3D model 
of Parkinson's disease. Both stromal and neuronal-like cells 
were seeded on polystyrene scaffolds, then the neuronal-like 
cells were exposed to 6-hydroxydopamine. Finally, both cell 
types were moved to the bioreactor, where the medium 
conditioned by the stromal cells was used to culture the 
neuronal-like cells. Our data indicate a neuroprotective effect of 
stromal cells in the conditions tested, suggesting that this 
bioreactor might be a suitable co-culture platform to be 
exploited for the study of cell therapies against 
neurodegeneration. 

Keywords—perfusion bioreactor, microfluidic testing, 
neuroprotection, Parkinson's disease. 

I. INTRODUCTION 

Perfusion bioreactors have been extensively used in tissue 
engineering to provide reliable models of tissue growth in 
controlled conditions.  
In particular, a miniaturized and optically accessible 
bioreactor for interstitial perfusion of 3D cell-seeded 
scaffolds was recently developed to systematically study the 
effect of several parameters on engineered tissue growth 
using non-destructive analysis, such as viable staining and 
standard fluorescence microscope [1]. The advantage of this 
culture system, that is composed of three independent 
chambers, is the possibility to follow the evolution of the 
growing tissue on the same construct. 
In this work, we have adapted this bioreactor and culture 
conditions to investigate the ability of mesenchymal stromal 
cells (MSCs) to protect neuronal-like cells against the effects 
of the catecholaminergic neurotoxin 6-hydroxydopamine (6-
OHDA) in a dynamic co-culture model of Parkinson’s 
disease. 

II. MATERIALS AND METHODS 

A. Cell culture 

Human neuroblastoma SH-SY5Y cells (American Type 
Culture Collection® code CRL-2266™) and MSCs from rat 
bone marrow were cultured in Dulbecco's Modified Eagle 
Medium supplemented with 10% (v/v) fetal bovine serum, 2 
mM L-
streptomycin (Invitrogen Corporation, Carlsbad, CA, USA). 
Cells were kept at 37 °C in 5% CO2. 

B. Scaffolds and cell seeding 

Both SH-SY5Y and MSCs were seeded on cell culture 
treated-polystyrene scaffolds (3D Biotek, North Brunswick, 

NJ, USA). These scaffolds were optically transparent and 
showed a highly defined architecture. Their fibers were 100 

m in diameter with a pore size of 300 m and stacked in an 
offset cross-hatch geometry (four flats, each one shifted 150 

m in respect of the adjacent flat), as reported in Fig.1. The 
following day, SH-SY5Y cells were challenged with 6-
OHDA and their viability was assessed by trypan blue 
(Sigma-Aldrich, St. Louis, MO, USA) staining and 3-(4,5-
dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-
sulfophenyl)-2H-tetrazolium (MTS, CellTiter 96® Aqueous 
One solution Cell Proliferation assay, Promega Corporation,  
Madison, WI, USA) assay. 

C. Microfluidic testing of the neuroprotective effect of MSCs 
on SH-SY5Y cells 

To investigate the ability of MSCs to improve the survival 
of SH-SY5Y cells, the scaffolds were moved to the 
miniaturized and optically accessible bioreactor. Thanks to a 
bypass (Fig. 2), the chamber with MSCs was connected to 
that with SH-SY5Y cells, so that the medium enriched by 
MSCs was used to condition the neuronal-like cells. The 
third chamber was independent from the others and was used 
as a non-conditioned control for SH-SY5Y cells. After 24 h, 
the viability of SH-SY5Y cells was assessed, as previously 
described. The experiment was also repeated in static 
conditions. 

D. Statistical analysis 

Statistical analysis was performed with the software 
GraphPad Prism® (GraphPad Software Corporation, La Jolla, 
CA, USA). The significance level was set at p < 0.05. 

III. RESULTS AND DISCUSSION 

A. Cell viability after seeding 

Both trypan blue staining and MTS assay have shown that 
6-OHDA reduced the viability of SH-SY5Y cells with 
respect to untreated controls. In particular, after 24 h of 
incubation with 25, 50 and 75 -OHDA, SH-SY5Y cell 
viability was reduced of about 25%, 50% and 75%, 
respectively. One-way analysis of variance (ANOVA) 
followed by Dunnett’s multiple comparison test has indicated 
that for the first condition p < 0.05, while for the remaining p 
< 0.001. 

B. Microfluidic testing of the neuroprotective effect of MSCs 
on SH-SY5Y cells 

MSCs have improved the survival of SH-SY5Y cells in 

Neuroprotective effect of mesenchymal stromal 
cells in a 3D model of Parkinson's disease 
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static conditions (as already reported in literature for neural 
cultures [2]), but also in dynamic conditions. In particular, 
the better performances were achieved with the bioreactor, 
suggesting that the applied bioreactor and its modification are 
suitable to study the proposed biological issue.  

IV. CONCLUSION 

The applied bioreactor and its modification have allowed 
to achieve better performances than standard cell culture 
techniques.  

Future works will focus on the study of the molecules 
released by MSCs in the culture medium. Aiming at 
developing a co-culture platform to investigate the suitability 
of cell therapies for neurodegenerative disorders, future 
studies will also focus on the possibility to further adapt the 
bioreactor to perform the whole experimental activity in 
dynamic conditions. 
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Fig. 2.  The optically accessible and miniaturized bioreactor used in this work. The picture shows the bypass, that connects 
the outlet of the first chamber to the inlet of the second chamber. The third chamber was independent from the others. 

 
Fig. 1.  Polystyrene scaffolds for cell seeding (6 mm x 3 mm x 0.4 mm). 
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Abstract - Osteoarthritis is a degenerative pathology that can 
affect joints invalidating human movements, with relevant 
effects from social and economic point of view. The mechanical 
behaviour of articular cartilage, in particular, is of high interest 
when considering the biomechanics of osteoarthritic joint. The 
aim of this work is to develop a finite element model of the tibio-
talar joint, suitable to evaluate the effects of osteoarthritic 
degradation on cartilage, under different loading condition as 
stance and push-off. Particular attention is paid to obtain a 
detailed numerical model of the joint, representing the complex 
morphology of the anatomical region. The numerical analyses 
interpret correctly the mechanical changes that occur in OA 
cartilages and the consequent effects on the biomechanical 
response of the joint under application of physiological loads. 

Keywords - Tibio-talar joint, osteoarthritic cartilage, 
constitutive modelling, numerical modelling.  

I. INTRODUCTION 

STEOARTHRITIS (OA) is a leading cause of disability in 
population. It is often more painful in weight bearing 

joints, such as the knee, hip and ankle [1]. This degenerative 
pathology can be related to different causes such as overuse, 
trauma or the degeneration of the joint cartilage that takes 
place with aging. Joints that are used extensively in work or 
sports may show signs of osteoarthritis and other disorders, 
such as obesity, may induce the pathology. Osteoarthritic 
joint first degrades the smooth cartilage lining that allows for 
low friction and pain-free weight bearing. In advanced  
phase, the pathology changes overall cartilage mechanical 
response, determining various degrees of pain. Radiographic 
analyses show of joint space narrowing, subchondral 
sclerosis and osteophyte formation. All these phenomena 
have important effects on the mechanical state of cartilage 
and on the biomechanical behavior of the joint [2]. 

Because of the complex morphology of the tibio-talar joint, 
a precise evaluation of the mechanical conditions acting on 
the different tissues is difficult. The use of finite element 
analyses is helpful to overcome these limits, since it is 
possible to evaluate mechanical quantities that, otherwise, 
could be roughly estimated. With this motivation, the aim is 
to develop a numerical model to investigate the tibio-talar 
joint capable of representing the biomechanical response 
under different loading conditions and states of the articular 
cartilages.  

II. MATERIAL AND METHODS  

A. Cartilage constitutive model and parameters fitting 

Articular cartilage is a multiple layer tissue organized into 
four zones: the superficial zone, the transitional zone, the 

middle zone and the calcified cartilage zone. The superficial 
zone is about 20% of the thickness of articular cartilage and 
gives a frictionless surface, providing also the most important 
mechanical response in compression and shear resistance. 
This zone is rich in collagen and presents closely packed 
fibres aligned parallel to articular surface. 

The mechanical response of cartilage is described by 
assuming a fibre-reinforced and almost-incompressible 
hyperelastic constitutive model. This constitutive formulation 
takes into account large strains, elastic non-linear behaviour 
and anisotropic response due to collagen fibres [3]. The 
constitutive model is capable to describe the mechanical 
response of articular cartilage in healthy or OA conditions by 
assuming specific values for the constitutive parameters.  At 
this purpose, a finite element model of a cartilage disk 
sample is investigated providing a result comparison with 
reference to experimental indentation test of healthy and OA 
cartilages [4], [5]. Since the aim of this work is to consider 
physiological strain rate corresponding to normal walking 
speed. In the literature there is a limited number of 
experimental data about OA cartilage that refer to this 
condition, the following procedure is adopted. The different 
mechanical response of OA tissue with respect to healthy 
condition deduced by in-vitro indentation tests performed on 
healthy and OA cartilage at strain rate of 10%/s, evaluating 
the percentage difference in stress between OA and healthy 
cartilage, at the same level of strain [4]. The estimated 
difference is the basis to define the compressive response of 
OA cartilage from experimental data obtained on healthy 
cartilage by in-vitro unconfined compression tests at strain 
rate of 28%/s [5], a value close to the strain rate expected in 
the main cartilages of the hindfoot at normal walking speed. 
The optimum sets of parameters for healthy and OA 
cartilages are estimated by means of a combined stochastic-
deterministic optimization procedure to minimize the 
discrepancy between experimental and numerical results [6]. 
The constitutive parameters defined for healthy and OA 
cartilages are adopted in the constitutive model that is 
included in the numerical model of tibio-talar joint. 

B. Finite Element Model 

The solid model of the foot is developed taking into 
account for the real morphology of the joint. Foot bones, 
ligaments, cartilages and synovial capsules are included. 
Bony segments are developed from CT images [3], while 
cartilages and synovial capsules are obtained on the basis of 
MRI data. These data are verified to be in agreement with the 
literature [7]. The finite element model is obtained by 
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meshing the solid regions with tetrahedral elements, using 
local refinements of the mesh within specific regions in order 
to have suitable accuracy. The interaction between cartilage 
surfaces is modelled by using appropriate frictionless contact 
strategy [8]. Specific constitutive formulations are adopted 
for each tissue of the hindfoot. An orthotropic and linearly 
elastic model is assumed to describe bony segments, a fibre-
reinforced visco-hyperelastic model is adopted for ligaments 
[9], while the synovial capsule is modelled by a linear elastic 
and incompressible material, with shear modulus of 2 MPa 
[10]. Cartilaginous tissues are modelled by using the fibre-
reinforced hyperelastic constitutive model described in the 
previous section. The constitutive models are implemented in 
the general-purpose finite element software ABAQUS  
(Dassault Systèmes, France) that is adopted for the non linear 
static analyses developed. 

C. Loading conditions 

To evaluate the loads applied to the ankle joint during the 
gait cycle OpenSim 2.2 (National Center for Simulation in 
Rehabilitation Research – NCSRR, Stanford, CA) is adopted. 
Experimental data of a subject walking in bare condition at 
speed of 1.3 m/s are considered and processed by means of 
dynamic analysis. Joints angles, articular moment and ground 
reaction force are used to obtain the compressive force acting 
on the tibia by imposing the equilibrium at ankle joint. In Fig. 
1 external moment and dorsiflexion angle on the ankle from 
stance to push-off phase are reported as evaluated by means 
of  OpenSim. The maximum dorsiflexion of 14° corresponds 
to the push-off phase. Data obtained are in agreement with 
the literature [11]. 

The compressive force in the stance phase of the gait cycle 
corresponds to a load of 765 N imposed on the proximal end 
of the tibia segment and along its proximal-distal axis. This 
configuration corresponds to the maximum measured ground 
reaction force when it is aligned with the tibial axis and the 
dorsiflexion angle is close to 0. In the push-off configuration, 
the load is obtained by considering a dorsiflexion with angle 
of 14° [11]. In this condition, an axial compressive load of 
2600 N acting on the tibia is the resulting load transmitted by 
leg bones to the foot.  

III. RESULTS 

The sagittal section of tibio-talar joint (Fig. 2) highlights 
the structure of the tibio-talar joint, with articular cartilage 
layer on each bone head and the synovial capsule. The detail 
shows the minimum principal strain field in correspondence 
of the peak value region for healthy and OA cartilage. This 
result is reported to evidence the high strain on the overall 
region in contact: a peak of 22% for the case of OA cartilage 
and 17% for healthy cartilage is found. These values are in 
agreement with the level of compressive strain estimated 
from in-vivo tests [12].  

Fig. 3 shows the minimum principal strain field of OA 
cartilage surface for stance and push-off phase of the gait 
cycle. Position and values of the maximum compressive 
strain in antero-medial region for stance configuration are 
consistent with in-vivo results reported in the literature [11]. 
The comparison of stance and push-off configuration 

evidences the variation of strain values and spatial 
distribution. Local peaks of compressive strain of about 36% 
are placed anteriorly in push-off, again in accordance with 
data from the literature [13].  

IV. CONCLUSION 

The results confirm the reliability of the model in 
describing the physiological loading conditions considered, 
with limit given by the possible comparison to experimental 
data. The procedure adopted is suitable to describe the 
mechanical states within tibio-talar joint, also when 
considering OA cartilage. 

Additional analyses can be planned in order to study other 
foot configurations that are proved to be correlated to OA, 
due to overuse of ankle joint.  

It is also of interest the investigation of the biomechanical 
behaviour of substitutes commonly adopted in cartilage 
surgical reconstruction. This activity is already in progress 
with regard to polymeric hydrogels substitutes (i.e. PVA 
cryogel) that have faster recovery time and less surgical 
trauma. The success rate of PVA plugs implants is affected 
by surgical insertion methods, dimension and number of 
plugs used to remove cartilage defects. These aspects can be 
evaluated with effectiveness by the numerical approach 
proposed, both with regard to local mechanical interaction 
and to overall biomechanical response. 
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Fig. 1.  Dorsiflexion angle and corresponding external moment Mext as 
obtained by means of inverse dynamic analysis. 

 
 
Fig. 3.  Minimum principal strain field (%) on talus and tibia cartilage 
surfaces for stance configuration (on the left) and push-off configuration 
(on the right).   

 
 
Fig. 2.  Sagittal plane section (a) of the tibio-talar joint with synovia and cartilage layers (b) for stance configuration with details of the 
minimum principal strain on the antero-medial peaks area in OA and Healthy cartilage (c). 
 


