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Numerical models of secondary fracture healing are based on mechanoregu-
latory algorithms that use distortional strain alone or in combination with
either dilatational strain or fluid velocity as determining stimuli for tissue
differentiation and development. Comparison of these algorithms has pre-
viously suggested that healing processes under torsional rotational loading
can only be properly simulated by considering fluid velocity and deviatoric
strain as the regulatory stimuli. We hypothesize that sufficient calibration on
uncertain input parameters will enhance our existing model, which uses dis-
tortional and dilatational strains as determining stimuli, to properly simulate
fracture healing under various loading conditions including also torsional
rotation. Therefore, we minimized the difference between numerically simu-
lated and experimentally measured courses of interfragmentary movements
of two axial compressive cases and two shear load cases (torsional and trans-
lational) by varying several input parameter values within their predefined
bounds. The calibrated model was then qualitatively evaluated on the ability
to predict physiological changes of spatial and temporal tissue distributions,
based on respective in vivo data. Finally, we corroborated the model on five
additional axial compressive and one asymmetrical bending load case. We
conclude that our model, using distortional and dilatational strains as deter-
mining stimuli, is able to simulate fracture-healing processes not only under
axial compression and torsional rotation but also under translational shear
and asymmetrical bending loading conditions.

1. Introduction

Numerical simulations are able to predict mechanobiological processes in the
regions of secondary fracture healing. Numerous finite-element (FE) models
have been developed to analyse local mechanical responses to varying loading
conditions assuming either linear elastic or poroelastic material behaviour. Sev-
eral models [1-5] are based on the tissue differentiation hypotheses proposed
by Pauwels [6] which were refined by Carter et al. [7] and Claes & Heigele
[8] using distortional strain and dilatational strain (which is directly related to
hydrostatic pressure [5]) as the determining stimuli for tissue differentiation
and development. By contrast, other models [9-15] use a linear combination
of distortional strain and fluid velocity as determining stimulus, as character-
ized by the hypothesis of Prendergast et al. [16]. Furthermore, Garcia-Aznar
et al. [17,18] use only the distortional strain as stimulus. Isaksson et al. compared
these approaches and concluded that all algorithms were suitable to predict
fracture-healing processes under axial loading [19], whereas the successful
simulation of healing processes under torsional load required the combination
of deviatoric strain and fluid velocity as regulatory stimulus [12].
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All numerical models of fracture healing however
depend on many input parameters with considerable degrees
of uncertainty. The choice of tissue material properties, one of
the most important steps in FE model development [20,21],
represents particularly high variability [22]. Parameters
defining the underlying tissue differentiation hypothesis
(e.g. the correlation between strain magnitude and bone
formation rate) are also highly uncertain because they are
based on limited experimental data. Therefore, it is difficult
to decide whether numerical simulation of fracture healing
under torsional loading is only possible by including fluid
velocity as regulatory stimulus or whether models using
distortional and dilatational strains as regulatory stimuli
only need calibration on their uncertain input parameters to
predict the same results.

Our aim was to calibrate the fracture-healing algorithm
previously developed by Simon et al. [5], which is based on
the distortional and dilatational strains as regulatory stimuli,
to be applicable to a greater range of different mechanical con-
ditions, especially predicting fracture healing under axial
compressive as well as under torsional rotational isolated load-
ing. Furthermore, the model should also be able to predict
healing processes under non-axially symmetric loading such
as translational shear or bending.

Therefore, in a first step, we developed an optimization
procedure to calibrate our model input parameters within
acceptable and physiological ranges against several well-
characterized in vivo experiments for axial compression [23],
torsional rotation [24] and translational shear load cases
[25] based on the mechanical responses (i.e. change in inter-
fragmentary movement (IFM) over time). Subsequently, the
ability of the calibrated model to predict physiological
tissue distributions during the simulated healing process
was also qualitatively evaluated. Finally, the ability of the
calibrated model to predict healing processes under further
loading conditions, such as different axial load cases [23] as
well as fracture healing under asymmetrical bending [26],
was checked.

We hypothesize that the resulting model regulated by
local distortional and dilatational strains [4,5] will be able
to predict the course of IFM and tissue distribution over the
healing time of various healing situations under axial com-
pression, torsional rotation, translational shear and bending
loading conditions.

2. Methods

2.1. In vivo experiments

All in vivo data used for simulation in the present numerical study
were taken from previously published experimental studies in
sheep [23-25]. Thus, four different healing situations (case A, B,
C and D) were defined as calibration targets. Cases A and B rep-
resent axial compressive load cases with different magnitudes of
interfragmentary strain (IFS; i.e. case A as stable case with 11%
IFS and case B as flexible case with 39% IFS) described in detail
by Claes et al. [23]. Briefly, this experimental study compared
the healing of a transverse osteotomy under different axial stab-
ilities at the ovine metatarsus. An external fixator allowed a
lower maximal IFM of 0.25 mm in case A, and a higher maximal
IFM of 1.3 mm in case B. The gap size in the loaded situation was
2 mm for both cases. The gap sizes in the unloaded situations
were 2.25 and 3.3 mm for cases A and B, respectively. The axial
load of the metatarsus was assumed to be 1.1 x bodyweight

(BW) according to Duda et al. [27]. With an average BW of 75 kg
[23], the axial load for cases A and B was set to 840 N. Case C rep-
resents a torsional rotation load case performed by Bishop et al.
[24]. Briefly, the sheep underwent a transverse tibial osteotomy
that was fixed with an external fixator adjusted to a 2.4 mm
fracture gap. Daily stimulation of 120 sinusoidal cycles of inter-
fragmentary torsional rotation was applied with a maximum
strain magnitude of 25 per cent corresponding to 7.2° rotation at
a frequency of 0.5 Hz up to a load limit of 1670 N m? allowing
IFS to decrease with increasing callus stiffness. In contrast to the
shear load case occurring under torsional rotation, case D rep-
resents a translational shear load case performed by Augat et al.
[25], where sheep underwent a transverse tibial osteotomy with
a fracture gap adjusted to 3 mm. An axially rigid external fixator
allowed a transverse sliding movement of 1.5 mm at the centre
of the mid-diaphyseal osteotomy. The average body weight was
78 kg [25], which according to Heller et al. [28], results in maximal
shear loads of approximately 200 N.

2.2. Numerical fracture-healing model

We used a previously published fracture-healing model which is
described in detail elsewhere [4,5]. Briefly, this algorithm combines
FE and fuzzy logic methods to simulate fracture-healing processes
over time in an iterative loop. The three-dimensional geometries of
idealized diaphyseal osteotomies and their healing regions in the
ovine metatarsus (for cases A and B, geometry according to
Claes & Heigele [8]) and tibia (for cases C and D, geometry accord-
ing to Isaksson et al. [12]) were implemented and meshed in
ANSYS (ANSYS Inc., Canonsburg, PA) using 10-node tetrahedral
elements with linear elastic material properties. The respective fix-
ation behaviour was separately implemented using a nonlinear
force—displacement function. Additionally, the mechanical behav-
iour of the bone—fixator system as well as the load and boundary
conditions were defined to represent the initial state for seven
input variables. These were, two mechanical stimuli (distortional
strain and dilatational strain derived from the strain tensor),
three state variables of the element itself (local blood perfusion,
cartilage and bone fractions) and two state variables of the adjacent
elements (perfusion and bone fraction). Tissue composition
(a mixture of three tissue types: woven bone, fibrocartilage and
connective tissue), material properties and blood supply were
assigned to each of the FEs. For the resulting Young’s modulus
E; of each element j, the following rule of mixtures was used:

Econ), (21)

where Econns Ecart and Epone are Young’s moduli for connective
tissue, cartilage and bone, respectively; cee and cpone are the
respective tissue fraction for cartilage and bone within one
element; eXpart and eXppone are the exponents of the respective car-
tilage and bone fractions. These variables were subjected to the
optimization procedure (cf. table 1).

Subsequently, the local mechanical stimuli (dilatational and
distortional strain components) are calculated in an iterative loop,
which together with the current tissue composition and blood
supply are used as input to a fuzzy logic controller (fuzzy logic
toolbox in MatLaB (v. 7.11, R2010b), The MathWorks Inc., Natick,
MA). A set of 20 linguistic fuzzy logic rules [3,5] controls how the
tissue composition and vascularization for each FE within the heal-
ing region changes depending on local mechanical and biological
stimuli. The rules are partly based on the mechanoregulatory
model proposed by Claes & Heigele [8] and represent intramem-
braneous ossification, chondrogenesis, endochondral ossification,
revascularization and tissue destruction. In the present model,
rules concerning the chondrogenesis process were modified for
an improved representation of the tissue differentiation hypothesis
of Claes & Heigele [8]. Modifications included the enlargement of
the range from +30 per cent in Simon et al. [5] to +50 per cent

E]' = Econ.n + Cechm (Ecaﬁ - Econn) + Ceprom (Ebone -

cart bone
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Table 1. Ranges and literature data for the 12 input parameters included in the step 1-calibration process. Asterisks denote parameters that are not included in n
the calibration.

bounds

parameter literature review

Youngs modulus E[ISS in MPa
cortlcal bone* ort 10 000% 15750b 17400‘ 20400d 15750
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woven bone, Fyype 16000%; 201" 540-8300% 4000%; 1381-2380' 500 9000
cartilage, Fear 3.1; 200% 5-39; 20-76" 5 50
connective tlssue Econn 099 19° 3" 0.5 3

P0|ssons ratlo Vs
cortical bone Veort 039C 036d 0325q 0.325

'Wwoven bone o e 0325 s T
artilage, vy, 0.174% 0.4 035" 0.47"; 0.46" 0.26 0.49
connective tissue, Vonn 04p 0167y 0.26 0.49
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fuzzy thresholds Adecth, in % between ’decrease and stay unchanged’ for change mm
blood peruson, Adegpee s -2

bone concentration, A. dechOne —475 — 25
camlage concentratlon A deccan —475 —25

fuzzy thresholds Amcthr in % between stay unchanged’ and ‘increase’ for change in

 blod perfsion”, Aincey

bone concentratlon A. iNChone

cartilage concentratlon Al iNCary 25 47.5
mexponent vaIues |n the ruIe of m|xture expms eSO
woen bone . S 5 L
. camlage, oo OSSR 15

®Human femoral metaphysis [29].

bPoroelastic properties of human cortical bone [30].

‘Human cortical bone [31].

%Bovine cortical bone [31].

“Assumption for ovine stiff callus tissue [8].

fIndentation modulus for rat callus woven bone [32].
9Poroelastic properties of the human calcaneus [33].
hApparent elastic modulus of ovine callus woven bone [34].
‘Preliminary results for ovine bony callus tissue [35].
JIndentation modulus for rat callus chondroid tissue [32].
“Apparent elastic modulus of ovine callus fibrocartilage [34].
'Preliminary results for ovine callus fibrocartilage [35].
"Human fibrocartilaginous callus tissue [36].

"Indentation modulus for rat callus granulation tissue [32].
°Canine fibrous tissue at bone— cement interfaces [37].
PInitial connective tissue within ovine fracture callus [8].
9Poroelastic properties [38].

'Human calcaneus [33].

*Bovine cancellous bone [39].

"Articular cartilage after equilibrium [40], applied as linear elastic material properties in a computational model by Witt et al. [41].
“Canine articular cartilage [42].

"(Cartilaginous tissue in rabbit spinal fusion [43].
"Assumptions for cartilaginous non-ossified callus tissue [44].
*Bovine articular cartilage [45].

YApplied in a computational model using poroelastic material properties [14].

and automatically adjustable thresholds between different mem- healing model, experimental healing situations under different iso-
bership functions of the three different fuzzy logic output lated loading conditions, such as axial compression [23], torsional

variables (according to figure 1 and see below). With this iterative rotation [24], translational shear [25] and asymmetrical bending
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Figure 1. Membership functions as defined by Simon et al. [5]. (a) For the
fuzzy logic output parameters change in blood perfusion, change in elements’
cartilage and bone fractions. Values for the thresholds A.decy,, A.incy,
between the single membership plateaus were subject to the optimization
procedure. (b) For the dilatational strain in the underlying tissue differen-
tiation hypothesis of Claes & Heigele [8], where the threshold of negative
destructive dilatational strain was changed from —5% to —3% during
the step 2-adjustment.

[26], were simulated. The respective in vivo mechanical and
geometrical conditions (i.e. fracture gap size, initial IFM, fixator
stiffness and loading magnitudes) were adopted from the respect-
ive experimental publications. The outcomes of the model were
quantitatively (course of IFM over healing time) and qualitatively
(course of tissue distribution over healing time) compared with
the respective experimental data.

2.3. First step: model calibration on interfragmentary
movements

A total of 12 model-specific general input parameters were con-
sidered for calibration purposes. Beneath them were six material
parameters: Young’s modulus (Ess) and Poisson’s ratio (viss),
each for woven bone (Epone, Vbone), cartilage (Ecart, Veart) and con-
nective tissues (Econn, Veonn). Additionally, within the three fuzzy
logic output variables, four membership function thresholds
(between ‘decrease’ and ‘stay unchanged’, A.decy,, as well as
between ‘stay unchanged’ and ‘increase’” A.ncy, for the
change in blood perfusion (A.decper, A.incpers) and the changes
in elements’ cartilage (A.decca, A.nce) and bone fraction
(A.decpone, A.incpone); cf. Figure 1) were included and, excepting
the change in cartilage fraction, positive and negative thresholds
were varied symmetrically. Finally, two exponents of the rule of
mixtures expyss Were subject to the calibration process (expuone,
eXpeart Cf. equation (2.1)). The literature was reviewed to deter-
mine material parameter values that best represented the
mechanical behaviour of the involved tissues. Because the
reviewed data show large variability, the lower (lo) and upper

(up) bounds of the parameter ranges were defined to largely n

cover these observed parameter uncertainties (table 1).

For calibration on mechanical data, an optimization pro-
cedure was performed to minimize the difference between
simulated IFM and experimental IFM of the four load cases A,
B, C and D by variation of the general input parameter values
within their respective bounds (table 1). This led to a minimum
value of the objective function (2.2), defined as the average rela-
tive quadratic deviations between measured mean IFM (u.EXP;)
and simulated IFM (u.FE;) at the in vivo measurement time
points i, scaled by the respective standard deviation. Each load
case is normalized to the number of its respective time-points.
Therefore, the objective was to minimize

9 B)2 5
G(Au;) % AuA) Z (&) %Z
-1 i—1 a7 -1
1< AuD z
- gl;( (rfD) , (22)
with
Au; = u.EXP; — u.FE,; (2.3)
subject to
u.FE; = f (Eiss, Vtiss; A-thr, expy., ) (2.4)
and
El <E. <EL, vio < Vnss < vtl§b7 A.decly <A. decthr <A.decy’, }
Allncthr <Alincy, <Ai lnCthH exptlss <eXPyes < exphsq

(2.5)

where subscript ‘tiss” stands for the different tissues connective
tissue, cartilage and bone; and subscript ‘thr’ stands for the
fuzzy thresholds of blood perfusion, bone and cartilage fractions.
Cortical bone is much stiffer than the other materials, with well-
established material properties, which were therefore excluded
from the optimization process, according to Isaksson et al. [22].
All TFM and standard deviations were normalized to their initial
in vivo values to allow comparability between the different cases.

The software package optiSLang (Dynardo GmbH, Weimar,
Germany) was used to minimize the objective G by applying
the particle swarm optimization (PSO) method [46-48]. Briefly,
this nature-inspired stochastic optimization method creates a
‘population” of individual designs (single sets of stochastically
determined parameter values), equally spread out all over the
parameter space. Each iteration creates a new ‘generation’ of the
population by modifying the parameter values of the individual
designs influenced by the ‘global best design’ (i.e. parameter set
leading to the smallest objective value in the history of the whole
population) and the ‘best design” of its own history. A population
of 32 individual designs was used for each generation. To define
the start population, Latin hypercube sampling (LHS; [49]) was
used to evenly distribute 150 designs over the design space, assum-
ing uniform distribution for each parameter. Thirty-two designs
with the smallest objective values were chosen as the start popu-
lation for the following PSO process. The stop criteria were
defined as reaching a maximum of 35 generations or no update of
the global optimum for six generations, whichever came first [50].

2.4, Second step: model evaluation on
tissue distribution

In the optimization process, the model was exclusively calibrated
against mechanical data from the respective experiments using
IFM as the quantitative indicator. To ensure a physiological predic-
tion of the spatial tissue distribution over the healing time, the
simulated courses of tissue developments were qualitatively evalu-
ated based on histological data from the underlying experiments.

68€0€L0C ‘0L 92ep103ul 205 Y [
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case A case B
small axial compression
gap size: 2.25 mm gap size: 3.3 mm

init. IFM: 0.25 mm init. IFM: 1.3 mm

0" 0"

large axial compression

case D
translational shear
gap size: 3 mm
init. IFM: 1.5 mm

case C
torsional rotation
gap size: 2.4 mm

init. IFM: 7.2°

0.50 1.50 8 2.00
1.25 7 1.75
. 6 150
g 1.00 = =
g E 5 E 1.25
E 0.75 z 4 E 1.00
2 0.50
0.25 1 0.25
0 123456738 0 123456738 0 12345678 0 123456738
healing weeks — healing weeks — healing weeks — healing weeks —
® jn vivo (mean + s.d.) - single sheep data = = = step 1-calibration step 2-adjustment

Figure 2. Predicted IFM courses using the parameter values of the step 1-calibration process (dashed black line) and from the step 2-adjustment (solid grey line),
compared with the in vivo data for the four calibration load cases (mean =+ s.d.). Where available, data from the single sheep are also shown (small dashed lines).

Unfortunately, the evaluation was rather limited, because his-
tological data were available only for the eighth healing week for
all investigated load cases and additionally for the fourth healing
week for the torsional loading case. Therefore, we compared our
simulated tissue distributions with generally accepted typical pat-
terns for predominant axial loading [51] and predominant shear
loading [52] for further corroboration. Vetter et al. [51] defined
six different healing stages based on histological data after two,
three, six and nine weeks. We compared our predictions of the
axial load cases A and B to these stages, not regarding stage VI,
because remodelling is not covered by our model. Fracture healing
under translational shear with very large IFM was histologically
investigated by Peters et al. [52] at two, three, six and nine weeks
of healing. These findings were compared with the results of the
simulated translational shear load case D.

For adjustment of the simulated courses of tissue distributions
to the in vivo findings, a subsequent manual modification was
performed on those simulation parameters that could not be
included in the calibration process owing to their small impact
on the IFM. In this analysis, we identified the threshold of negative
destructive dilatational strain in the underlying tissue differen-
tiation hypothesis [8] and changed it from —5 per cent to —3 per
cent (figure 1b).

2.5. Third step: model corroboration on various loading
conditions

In addition to the four load cases included in the calibration pro-
cess, five other well-documented in vivo groups with axial
compressive load cases (V1-V5) taken from experiments of the
group of Claes et al. [23,53] were simulated. To check the
models’ validity regarding the simulation of mechanical outcomes,
simulated IFMs were compared with respective in vivo results.
These experiments were performed according to load cases A
and B, with variations of the gap sizes and initial IFMs, listed in
figures 4 and 5.

To examine the models” ability to be transferred to completely
different loading situations, fracture healing under bending was
also simulated. Thus, case V6 represents an asymmetrical bending
load case performed by Hente et al. [26], who achieved active
cyclic bending displacement using a unilateral external fixator
over a 2 mm ovine tibial osteotomy. The resulting IFM was pure
compression to a reduced gap size of 1 mm at one side and dis-
traction to a widened gap of 3mm at the other side of the
fracture gap. An actuator generated a maximal bending moment
of 22.5 Nm.

3. Results

3.1. First step: model calibration on

interfragmentary movements
The 32 best designs from the LHS representing the initial popu-
lation showed objective values of 2.59 to 6.16. The following
optimization process converged after no update of the global
optimum for six generations reaching a total of 29 generations
(928 designs) and improved the objective value to 0.39 for the
optimal design (no. 706) with the following calibrated material
parameters: for woven bone, cartilage and connective tissue
Young’s moduli were 538, 28 and 1.4 MPa, respectively, and
the Poisson’s ratios were 0.33, 0.3 and 0.33, respectively. For
blood perfusion, bone fraction and cartilage fraction, the
fuzzy thresholds between ‘decrease’ and ‘stay unchanged’
were —22 per cent, —47.5 per cent and —28 per cent, res-
pectively, and the threshold between ‘stay unchanged’ and
‘increase’ for cartilage fraction was 23 per cent. The exponents
for the rule of mixtures were found to be 4.5 and 3.1 for bone
and cartilage fractions, respectively. Figure 2 shows the simu-
lated course of IFM of the calibrated design for the four
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case A case B

small axial compression

large axial compression

case D
translational shear

case C
torsional rotation

)

step 1-calibration

healing week healing week

2 4 6 8 2 4 6 8 2 4 6 8 2 4 6 8

healing week healing week

tissue composition at several time points

step 2-adjustment

healing week healing week

2 4 6 8 2 4 6 & 2 4 6 8 2 4 6 8

healing week healing week

1.0 1.0

0.5 0.5

extracortical

tissue volume fraction over healing time
intercortical
=)
(9,

0123456738
healing weeks —

intramedullary

0123456738
healing weeks —

1.0 \ 1.0
— /

0.5 0.5
0 0 —
1.0 1.0
0.5 0.5 -
0 0
1.0 1.0
0.5 0.5 ¥
ol oL
012345678 0123456738
healing weeks — healing weeks —

extracortical (callus)

intercortical (gap)

intramedullary

colour code:

step 1-calibration

connective tissue cartilage bone

step 2-adjustment or no difference

Figure 3. Tissue distribution for the four calibration load cases. The first and second row of callus sketches show the tissue composition within the fracture calluses
at several time points during the process of healing for the step 1-calibration and the step 2-adjustment, respectively. The diagrams show the change of volume
fraction of each tissue over the healing time for three different callus regions: extracortical (top row), intercortical (centre row) and intramedullary (bottom row)
according to the outline on the bottom left. Black colour represents connective tissue which is present in the callus in the beginning of the healing phase and turns
into fibrous tissues in later phases. Light grey colour represents cartilaginous tissue developed prior to endochondral ossification and dark grey colour represents bony
tissue (i.e. cortical bone, woven bone and calcified cartilage). Dashed lines indicate results for the step 1-calibration, solid lines for the step 2-adjustment or if no

differences between both can be detected.

in vivo load cases that were subject to the optimization process
(dashed lines). For all four calibration load cases, the simulated
course of IFM is in reasonable accordance with the respective
in vivo data.

3.2. Second step: model evaluation on
tissue distribution

For both axial load cases, evaluation of the simulated change
of tissue distribution over the healing time (figure 3, first
two columns) revealed that according to the in vivo results
of Vetter et al. [51] physiological patterns can be predicted
as follows. Initial intramembranous bone formation was

predicted periosteally but not in the gap. Subsequently, the
bone propagates into the peripheral callus region where dis-
tinct cartilage is formed starting around week 2 (figure 3, first
row of diagrams—dashed lines). Around week 3, this carti-
lage bridges between the two opposite sides of the callus
and gives rise to endochondral ossification and thus, bony
bridging in the extracortical region starting at week 4 for
case A and around week 5 for case B. Later on, bone is also
formed within the gap (figure 3, second row of diagrams,
dashed lines) around week 5 for case A and around week 6
for case B. Endosteal bone formation starts slightly around
week 2 for both cases and the callus is completely filled
with bone at week 5 for case A and at week 7 for case B

““6‘10'6u!qs!|qnd/(191)o§[é/fdj;;iéj
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(figure 3, last row of diagrams, dashed lines). It is generally
accepted that callus size increases with increasing IFM (i.e.
decreasing fixation stiffness) [17,54-56]. Accordingly, a larger
callus was formed in the flexible load case B, which is visible
in the remaining connective tissue within the extracortical
region of case A. In contrast to the in vivo findings, our model
predicts large amounts of intramedullary cartilage for both
cases at early healing time points. After adjusting the threshold
of negative destructive dilatational strain (figure 1b), less intra-
medullary cartilage was predicted, especially for the large
compression case B, whereas the small compression case A
still showed amounts of intramedullary cartilage (figure 3,
second row of callus sketches).

According to histological data for the torsional load case C,
at four weeks, our results show woven bone formation extra-
cortically and connective tissue within the gap zone (figure 3,
third column). At week 8, bony bridging occurred extra- and
intercortically likewise to the in vivo results, whereas bone for-
mation was also predicted for the intramedullary callus. No
cartilage developed at all, whereas in vivo data showed little
cartilaginous tissue. As described in the respective radiogra-
phical analysis of Bishop et al. [24], our simulation of the
torsional load case C predicts extracortical bone formation
close to the cortical corners next to the gap starting around
week 3. The effects of changing the threshold of negative
destructive dilatational strain were negligible.

In consistent with the experimental findings for the trans-
lational shear load case D, we found less bone than in a
comparable axial load case (according to case B) at week 8
(figure 3, fourth column). Fibrous tissue was dominant
along the line where the callus joins from opposite sides of
the osteotomy. The experimental findings of Peters et al.
[52] for translational shear load cases with large IFM
showed good accordance with simulated tissue distributions
as follows. At week 2, we simulated bone formation on the
periosteal cortical surface at some distance of the gap. This
increases at week 3, whereas the gap is still filled with
connective tissue and little bone formation occurs intrame-
dullary. At week 6, the periosteal and intramedullary callus
size is increased, fibrous tissue is predominant in the gap.
At week 8 and later, bony bridging occurred basically extra-
cortically and moved towards the gap, some intramedullary
bridging started. Adjusting the threshold of negative des-
tructive dilatational strain had negligible influences on the
predicted healing patterns.

Furthermore, the step 2-adjustment of the model regard-
ing a more physiological prediction of tissue distribution
for the axial load cases had no or negligible influences on
both, the predicted tissue distributions for torsional rotation
as well as translational shear load cases (figure 3, second
row, last two columns), and the simulated courses of I[FM
over the healing time for all load cases (figure 2).

3.3. Third step: model corroboration on various
loading conditions

Corroboration of the calibrated fracture-healing simulation
model was performed on five additional axial compressive
load cases with regard to the mechanical responses using
IFM as indicator as well as comparison of the change in
spatial tissue composition over healing time (figures 4 and 5).

For load cases V1 to V3, our simulated change of IFM
over the healing time is in good accordance with the in vivo

data; however, a trend towards too fast healing predictions

is visible. The step 2 adjustment was able to slightly correct
this trend. The gradient of IFM decrease for load cases V2
and V4 is larger than mean in vivo courses. This leads to
early healing time points which however are observed for
single sheep in the case V2, whereas not for case V4.

Respective tissue compositions show typical patterns
of secondary bone healing under axial compressive loading
(figure 4) according to Vetter et al. [51]. However, in the
cases with small IFM (V1, V2, V4), large amounts of intrame-
dullary cartilage are formed, whereas for large IFM (case V3
and Vb), this cartilage formation is not visible, according to
respective in vivo results [34]. For the large gap size of
9.9 mm in combination with a large initial IFM of 3.99 mm
in case V5, the calibrated design leads to a delayed healing
or non-union (figure 5). Assuming that the given healing
zone with a maximal callus index (mCI; i.e. the relation
between the outer diameters of the healing zone and the corti-
cal bone tube, which represents the possible maximal size of a
callus) of 2 is too small for healing under these conditions
(figure 5, upper right), a larger healing zone with mClI of 3.5
was applied. The resulting course of IFM showed good accord-
ance with the in vivo data. Furthermore, the corresponding
tissue composition develops as expected, with extracortical
endochondral ossification and bony bridging around eight
weeks. The effective callus index (i.e. relation between the
outer diameters of the actual developed bone and the cortical
bone tube) was approximately 2.7 (figure 5, bottom right).

For additional corroboration on other mechanical loading
conditions, the adjusted design was used to simulate an
asymmetrical bending load case performed by Hente et al.
[26]. They documented only the amount of bone formation
after six weeks of healing under active bending and detected
significantly higher amounts of bone and callus formation
on the compression side, as noted by Pauwels [6] before
(figure 6, left column of diagrams). The simulation predicts
development of cartilage followed by endochondral ossifica-
tion on the compression side, whereas ossification on the
distraction side was less and had intramembranous character
exclusively starting from the periosteal periphery of the heal-
ing region (figure 6, centre and right column of diagrams and
top right callus sketches). Bridging was predicted in the
endosteal region of the compression side after six weeks of
healing (figure 6, top right callus sketches), as described for
the in vivo evaluation of Hente ef al.

4. Discussion

The work presented included three steps to gain a higher
level of validity for numerical predictions of bone healing
processes under highly diverse loading conditions. Confirm-
ing our hypothesis, our numerical fracture-healing model
regulated by local distortional and dilatational strains [4,5]
was able to predict the course of IFM and tissue distribution
of different healing situations under axial compression, tor-
sion, shear loading and bending after calibrating the input
parameters within reasonable ranges.

During the first step, the model was calibrated based on
automated parameter optimization processes on the IFM,
because callus stiffness is the most clinically relevant factor for
monitoring the healing process and directly depends on the
course of IFM over the healing time. Within previous published
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case V1 case V2 case V3 case V4
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Figure 4. Predicted IFM courses using the parameter values of the step 1-calibration process (dashed black line) and from the step 2-adjustment (solid grey line),
compared with the in vivo data for corroboration load cases V1 to V4 (mean =+ s.d.) and single sheep data (small dashed lines). For the four load cases, the tissue
compositions at several healing time points are shown.

colour code: connective tissue

case V5
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0900

0123456738 healing week
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points for callus index (CI)

tissue composition at several time
mCI=3.5
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- = = step 2-adjustment with mCI=2 step 2-adjustment with mCI=3.5

Figure 5. For an axial compressive load case with a large gap of 9.9 mm and additional large initial deformations of 3.99 mm IFM within the gap, the step 2-
adjusted simulation showed a disagreement between the predicted (dashed black line) and in vivo (mean + s.d. and single sheep data shown as small dashed
lines) course of IFM over the healing time (left). The respective tissue composition is shown on the top right row. The respective maximal callus index (i.e. the
relation between the outer diameter of the callus and the outer diameter of the cortex, mCl) was commonly set to 2. It was shown that this healing process would
need more space for development of an adequate fracture callus. Therefore, applying a mCl 3.5 showed good accordance between simulated (grey solid line) and
in vivo data for the IFM. The respective tissue composition is shown on the bottom right.

ranges for the input parameter values, the optimization process finding appropriate values for those input parameters typically
detected model-specific optima for the simulation of four differ- related to high uncertainties. Primarily, the calibration pro-
ent load cases. Numerical models can thereby be adjusted by cedure delivers more accurate values especially for function-
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Figure 6. An asymmetrical bending load case according to Hente et al. [26] was performed for validation reasons (outlined on the top centre), using the step 2-
adjustment design. The simulated outcome regarding the tissue development in areas of different mechanical conditions were calculated. The in vivo data suggest a
significantly higher amount of bone formation on the compression side [26], which basically can be recognized in the simulated data in the left column of diagrams.
The percentage of different tissues in the respective areas can be seen in the centre column for the compression side and in the right column for the distraction side.
The upper callus images show the tissue composition at several healing time points.

defining parameters (i.e. rule of mixtures and fuzzy member-
ship functions) which were generally based on previous
assumptions. The benefit of the first step calibration method
presented is the ability to quantitatively decide on the basis of
the respective outcome whether or not other mechanisms of
the model need to be considered to improve the predictions.
For optimization purposes, a nature-inspired particle swarm
algorithm was used due to the high complexity and nonlinear-
ity of the problem [57]. This procedure is characterized by a
direct calculation method, which in contrast to approximation
or deterministic methods such as response surface algorithms
[58,59] requires numerous design calculations and thus, is
more expensive. On the other hand, the optimization results
are definite solutions of the respective problem and are not
based on mathematical approximations.

The applied calibration method was not aimed at the
determination of reliable material properties for the involved
tissues. However, we used the large variability for each of
the material parameters shown by literature data to define
bounds representing physiological ranges for each tissue
property. All resulting parameter values are located

sufficiently between their upper and lower bounds, except
Young’s modulus of bone, which is (still physiologically)
close to its lower bound, as well as the fuzzy threshold between
‘decrease’ and ‘stay unchanged’ for bone fraction, which is
the lower bound. Owing to the use of uniform distributed
parameter values within their bounds, also the bounds
themselves represent reasonable values, provided they were
defined physiologically. The resulting mechanical properties
for cartilage represent the behaviour of fibrocartilage, which
is usually found in fracture-healing areas. These results are
not comparable with mechanical properties of hyaline articular
cartilage (i.e. Young’s modulus much smaller, Poisson’s ratio
much higher).

The calibration method presented requires data of well-
characterized and defined in vivo load cases to converge to
reasonable parameter values. Furthermore, only isolated load
cases with clinically relevant IFM were considered. For axial
compression, several experimental datasets were available,
particularly from Claes et al. [23]. For torsional rotation, the
experiments were rare and only one load case from Bishop
et al. [24] was sufficiently accurate to be retrievable for
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calibration. Similarly, only one well-documented in vivo con-
dition of translational shear was available from Augat et al.
[25]. However, we strived for predictions of fracture healing
under load cases that were as diverse as possible. Therefore,
we chose compressive as well as shear load cases (including
two different shear conditions) for the calibration and corrobo-
rated the resulting model on further compressive load cases
and bending, although the experimental data of the latter
were limited to radiographical evaluations only.

The calibration procedure had to exclusively focus on the
IFM, because other possible objectives, such as histological
or radiographical data for tissue distribution, could not
be implemented in the automatic optimization procedure
owing to the lack of respective quantifiable experimental
data. This shortcoming was attended in the second step,
where the model was evaluated concerning a physiological
prediction of spatial and temporal tissue distribution during
the healing process. These evaluations were performed on
the histology data of the underlying in vivo experiments and
additional findings of Vetter et al. [51] and Peters et al. [52].

Based on these investigations, we detected non-physio-
logical amounts of intramedullary cartilage formation in
the large axial compression load case in our simulations.
By increasing the threshold of negative destructive dilata-
tional strain from —5 per cent to —3 per cent (figure 1b)
within the underlying tissue differentiation hypothesis of
Claes & Heigele [8], we were able to limit cartilage develop-
ment to areas of smaller strains (i.e. —3% up to —0.85%).
This did not influence bone formation, which was not critical
in our findings. Adjustment of this single parameter led to
enhanced predictions of tissue differentiation within the axial
compressive load case B, as expressed by less intramedullary
cartilage development in weeks 2 and 3 (figure 3, second
column), as well as less advanced bony bridging at week
6. Also for load case A, slightly less cartilage is formed
during the first five weeks (figure 3, first column) but still intra-
medullary cartilage appears. This effect is not reported by
Vetter et al. [51], however, the eight-week histology data of
the underlying in vivo experiment [34] show distinct fractions
of endosteal calcified cartilage for case A, but not case
B. Hence, intramedullary cartilage seems to be physiological
for load cases with small initial IFM, but not for load cases
with large initial IFM. Owing to the approximate absence of
cartilage, both shear load cases C and D were not altered by
this modification (figure 3, third and fourth column). Further-
more, this adjustment had negligible influence on the
simulated mechanics (i.e. courses of IFM over the healing
time) for all load cases (figure 2). Because the value of the
adjusted threshold was previously based on assumptions,
our method was able to refine it resulting in more physiological
tissue distribution.

Under torsional loading, we predict intramedullary bone
formation, which was not observed in vivo. However, this
bone formation is plausible under pure rotational loading
because the low local distortional strains, i.e. regions where
bone formation is possible, were located at the axis of rotation
and at the periosteal surface at some distance to the fracture
gap [12]. Therefore, all differentiation hypotheses used in
numerical models for fracture-healing simulations predict
early intramedullary bone formation (cf. figure 6 in Isaksson
et al. [12]). Our calibrated model was not able to impede this
effect, however it appeared later in the healing phase
(figure 3), starting around week 4.

As demonstrated during the third step, the model was m

corroborated on also being able to physiologically predict
mechanics and tissue distributions of various other loading
conditions (V1-V6), especially further axial compressive
load cases. The calibrated model represented the respective
healing processes with reasonable accuracy. Only case V4
showed large deviations to the in vivo results, which might
be caused by ill-conditioned experiments, because from our
experience the respective in vivo conditions (i.e. gap size of
2.7 mm and IFS of 19%) should result in faster healing than
experimentally measured. Accordingly, other load cases
with worse conditions (e.g. case B with gap size of 3.3 mm
and IFS of 40%) show faster healing experimentally.

In contrast to models by Garcia-Aznar et al. [17], our model
does not simulate callus growth itself. Instead, within a prede-
fined healing region (filled up with connective tissue), bone is
formed up to a certain level depending on the mechanical con-
ditions. The resulting bony volume represents the expected
effective bony callus size, which cannot exceed the predefined
healing region, quantified by the mCl. It is generally accepted
that callus size increases with increasing IFM (i.e. decreasing
fixation stiffness) [17,54—56], therefore we assumed that for
case V5 the effective callus size will exceed the predefined
size of the healing region because it represents a loading con-
dition with a large gap and large IFS (IFM of 3.99 mm with
gap size 9.9 mm). This might represent a critical size defect
with delayed healing [23]. Hence, we defined a larger healing
area for this case which led to reasonable results (figure 6).
For all the other load cases, additional computations however
showed that there were no differences compared with simu-
lations with larger healing regions, concluding that the mClI
cannot be too large but only too small.

We were also able to simulate secondary fracture healing
under isolated asymmetrical bending according to the res-
pective in vivo data from Hente ef al. [26]. This is of specific
interest, because we showed that our model is able to clearly
distinguish between negative and positive pressures on the
opposite sides of the bended fracture callus owing to the use
of dilatational strain as stimulus in the tissue differentiation
hypothesis of Claes & Heigele [8].

In summary, we applied an optimization process to
calibrate input parameters of our existing numerical fracture-
healing model to gain a higher level of validity. Thus, we
showed that the resulting enhanced model is able to predict
fracture-healing processes under various loading conditions.
Other models were able to simulate healing under physiologi-
cal complex loading [4,10], but were not validated against
isolated loading scenarios. To the best of our knowledge,
this is the first time that ovine fracture healing under axially
symmetric as well as asymmetrical isolated loading conditions
has been simulated by one numerical model. On the basis of
our results, models can be enhanced to also predict healing
under complex loading conditions.

5. Conclusion

We were able to confirm our hypothesis that the previously
developed model regulated by distortional and dilatational
strains is able to predict ovine fracture healing processes under
diverse loading conditions (i.e. axial compression, torsional
rotation, translational shear and asymmetrical bending), after
calibration of the input parameters within reasonable ranges.

* BuoBurgstigndiaosjeoryss

68€0€L0C ‘0L 92ep103ul 205 Y [



References

Ament C, Hofer EP. 2000 A fuzzy logic model of
fracture healing. J. Biomech. 33, 961—968. (doi:10.
1016/50021-9290(00)00049-X)

Bailon-Plaza A, van der Meulen MC. 2003 Beneficial
effects of moderate, early loading and adverse
effects of delayed or excessive loading on bone
healing. J. Biomech. 36, 1069—1077. (doi:10.1016/
$0021-9290(03)00117-9)

Shefelbine SJ, Augat P, Claes L, Simon U. 2005
Trabecular bone fracture healing simulation with
finite element analysis and fuzzy logic. J. Biomech.
38, 2440-2450. (doi:10.1016/j.jbiomech.2004.
10.019)

Wehner T, Claes L, Niemeyer F, Nolte D, Simon U.
2010 Influence of the fixation stability on the
healing time—a numerical study of a patient-
specific fracture healing process. Clin. Biomech. 25,
606—612. (doi:10.1016/j.clinbiomech.2010.03.003)
Simon U, Augat P, Utz M, Claes L. 2011 A numerical
model of the fracture healing process that describes
tissue development and revascularisation. Comput.
Methods Biomech. Biomed. Eng. 14, 79-93.
(doi:10.1080/10255842.2010.499865)

Pauwels F. 1960 A new theory on the influence of
mechanical stimuli on the differentiation of
supporting tissue. The tenth contribution to the
functional anatomy and causal morphology of the
supporting structure. Z. Anat. Entwicklungsgesch
121, 478-515. (doi:10.1007/BF00523401)

Carter DR, Beaupre GS, Giori NJ, Helms JA. 1998
Mechanobiology of skeletal regeneration. Clin.
Orthop. Relat. Res. 355, S41—S55. (doi:10.1097/
00003086-199810001-00006)

Claes LE, Heigele CA. 1999 Magnitudes of local
stress and strain along bony surfaces predict the
course and type of fracture healing. J. Biomech. 32,
255-266. (doi:10.1016/50021-9290(98)00153-5)
Huiskes R, Van Driel WD, Prendergast PJ, Soballe K.
1997 A biomechanical regulatory model for
periprosthetic fibrous-tissue differentiation. J. Mater.
Sci. Mater. Med. 8, 785—788. (doi:10.1023/
A:1018520914512)

Byrne DP, Lacroix D, Prendergast PJ. 2011
Simulation of fracture healing in the tibia:
mechanoregulation of cell activity using a lattice
modeling approach. J. Orthap. Res. 29, 1496 —1503.
(doi:10.1002/jor.21362)

Geris L, Van Oosterwyck H, Vander Sloten J, Duyck J,
Naert 1. 2003 Assessment of mechanobiological
models for the numerical simulation of tissue
differentiation around immediately loaded implants.
Comput. Methods Biomech. Biomed. Eng. 6,
277-288. (doi:10.1080/10255840310001634412)
Isaksson H, van Donkelaar CC, Huiskes R, Ito K. 2006
Corroboration of mechanoregulatory algorithms for
tissue differentiation during fracture healing:
comparison with in vivo results. J. Orthop. Res. 24,
898—907. (doi:10.1002/jor.20118)

Geris L, Sloten JV, Van Oosterwyck H. 2010
Connecting biology and mechanics in fracture

14.

15.

16.

17.

18.

19.

20.

21.

22.

23.

24.

25.

healing: an integrated mathematical modeling
framework for the study of nonunions. Biomech.
Model. Mechanobiol. 9, 713—724. (doi:10.1007/
$10237-010-0208-8)

Lacroix D, Prendergast PJ. 2002 A mechano-
requlation model for tissue differentiation during
fracture healing: analysis of gap size and loading.
J. Biomech. 35, 1163—1171. (doi:10.1016/50021-
9290(02)00086-6)

Lacroix D, Prendergast PJ, Li G, Marsh D. 2002
Biomechanical model to simulate tissue
differentiation and bone regeneration: application to
fracture healing. Med. Biol. Eng. Comput. 40,
14-21. (doi:10.1007/BF02347690)

Prendergast PJ, Huiskes R, Soballe K. 1997 ESB
research award 1996. Biophysical stimuli on cells
during tissue differentiation at implant interfaces.
J. Biomech. 30, 539—548. (doi:10.1016/50021-
9290(96)00140-6)

Garcia-Aznar JM, Kuiper JH, Gomez-Benito MJ,
Doblare M, Richardson JB. 2007 Computational
simulation of fracture healing: influence of
interfragmentary movement on the callus growth.
J. Biomech. 40, 1467 —1476. (doi:10.1016/j.
jbiomech.2006.06.013)

Gomez-Benito MJ, Garcia-Aznar JM, Kuiper JH,
Doblare M. 2005 Influence of fracture gap size on
the pattern of long bone healing: a computational
study. J. Theor. Biol. 235, 105—119. (d0i:10.1016/j.
jthi.2004.12.023)

Isaksson H, Wilson W, van Donkelaar CC, Huiskes R,
Ito K. 2006 Comparison of biophysical stimuli for
mechano-regulation of tissue differentiation during
fracture healing. J. Biomech. 39, 1507-1516.
(doi:10.1016/j.jbiomech.2005.01.037)

Viceconti M, Olsen S, Nolte LP, Burton K. 2005
Extracting clinically relevant data from finite
element simulations. C(lin. Biomech. 20, 451—454.
(doi:10.1016/j.clinbiomech.2005.01.010)

Oreskes N, Shraderfrechette K, Belitz K. 1994
Verification, validation, and confirmation of
numerical models in the earth sciences. Science
263, 641-646. (doi:10.1126/science.263.5147.641)
Isaksson H, van Donkelaar (G, Ito K. 2009 Sensitivity
of tissue differentiation and hone healing
predictions to tissue properties. J. Biomech. 42,
555—564. (doi:10.1016/j.jbiomech.2009.01.001)
(laes L, Augat P, Suger G, Wilke HJ. 1997 Influence
of size and stability of the osteotomy gap on

the success of fracture healing. J. Orthap. Res. 15,
577-584. (doi:10.1002/jor.1100150414)

Bishop NE, van Rhijn M, Tami |, Corveleijn R, Schneider
E, Ito K. 2006 Shear does not necessarily inhibit bone
healing. Clin. Orthop. Relat. Res. 443, 307—-314.
(d0i:10.1097/01.bl0.0000191272.34786.09)

Augat P, Burger J, Schorlemmer S, Henke T, Peraus
M, Claes L. 2003 Shear movement at the fracture
site delays healing in a diaphyseal fracture model.
J. Orthop. Res. 21, 1011-1017. (doi:10.1016/
S0736-0266(03)00098-6)

26.

2].

28.

29.

30.

3N

32.

33

34.

35.

36.

37.

38.

39.

Hente R, Fuchtmeier B, Schlegel U, Emstberger A,
Perren SM. 2004 The influence of cyclic compression
and distraction on the healing of experimental tibial
fractures. J. Orthop. Res. 22, 709—715. (doi:10.
1016/j.orthres.2003.11.007)

Duda GN, Eckert-Hubner K, Sokiranski R, Kreutner A,
Miller R, Claes L. 1998 Analysis of inter-fragmentary
movement as a function of musculoskeletal loading
conditions in sheep. J. Biomech. 31, 201-210.
(doi:10.1016/50021-9290(97)00127-9)

Heller MO, Duda GN, Ehrig RM, Schell H, Seebeck P,
Taylor WR. 2005 Muskuloskeletale Belastungen im
Schafshinterlauf: mechanische Rahmenbedingungen
der Heilung. Mat-wiss u Werkstofftech 36,
775-780. (doi:10.1002/mawe.200500969)

Lotz JC, Gerhart TN, Hayes WC. 1991 Mechanical
properties of metaphyseal bone in the proximal
femur. J. Biomech. 24, 317-329. (doi:10.1016/
0021-9290(91)90350-V)

Smit TH, Huyghe JM, Cowin SC. 2002 Estimation of
the poroelastic parameters of cortical hone.

J. Biomech. 35, 829—835. (doi:10.1016/50021-9290
(02)00021-0)

Martin RB, Burr DB, Sharkey NA. 1998 Skeletal tissue
mechanics. Berlin, Germany: Springer.

Leong PL, Morgan EF. 2008 Measurement of
fracture callus material properties via
nanoindentation. Acta Biomater. 4, 1569 —1575.
(doi:10.1016/j.actbio.2008.02.030)

Wear KA, Laib A, Stuber AP, Reynolds JC. 2005
Comparison of measurements of phase velocity in
human calcaneus to Biot theory. J. Acoust. Soc. Am.
117, 3319-3324. (doi:10.1121/1.1886388)

Augat P, Margevicius K, Simon J, Wolf S, Suger G,
(laes L. 1998 Local tissue properties in bone
healing: influence of size and stability of the
osteotomy gap. J. Orthop. Res. 16, 475-481.
(doi:10.1002/jor.1100160413)

Steiner M, Claes L, Simon U, Ignatius A, Wehner T.
2012 A computational method for determining
tissue material properties in ovine fracture
calluses using electronic speckle pattern
interferometry and finite element analysis. Med.
Eng. Phys. 34, 1521—1525. (doi:10.1016/j.
medengphy.2012.09.013)

Gardner TN, Stoll T, Marks L, Mishra S, Knothe Tate
M. 2000 The influence of mechanical stimulus on
the pattern of tissue differentiation in a long bone
fracture: an FEM study. J. Biomech. 33, 415—-425.
(doi:10.1016/50021-9290(99)00189-X)

Hori RY, Lewis JL. 1982 Mechanical properties of
the fibrous tissue found at the bone—cement
interface following total joint replacement.

J. Biomed. Mater. Res. 16, 911—927. (doi:10.1002/
jbm.820160615)

Cowin SC. 1999 Bone poroelasticity. J. Biomech. 32,
217-238. (doi:10.1016/50021-9290(98)00161-4)
Hosokawa A, Otani T. 1997 Ultrasonic wave
propagation in bovine cancellous bone. J. Acoust.
Soc. Am. 101, 558—-562. (doi:10.1121/1.418118)

6ggogloz OL ajejjéjm 5015 a [ “ ‘ﬁjd'ﬁu!qs!jqnd/(ialabéjéﬂdj';léj E


http://dx.doi.org/10.1016/S0021-9290(00)00049-X
http://dx.doi.org/10.1016/S0021-9290(00)00049-X
http://dx.doi.org/10.1016/S0021-9290(03)00117-9
http://dx.doi.org/10.1016/S0021-9290(03)00117-9
http://dx.doi.org/10.1016/j.jbiomech.2004.10.019
http://dx.doi.org/10.1016/j.jbiomech.2004.10.019
http://dx.doi.org/10.1016/j.clinbiomech.2010.03.003
http://dx.doi.org/10.1080/10255842.2010.499865
http://dx.doi.org/10.1007/BF00523401
http://dx.doi.org/10.1097/00003086-199810001-00006
http://dx.doi.org/10.1097/00003086-199810001-00006
http://dx.doi.org/10.1016/S0021-9290(98)00153-5
http://dx.doi.org/10.1023/A:1018520914512
http://dx.doi.org/10.1023/A:1018520914512
http://dx.doi.org/10.1002/jor.21362
http://dx.doi.org/10.1080/10255840310001634412
http://dx.doi.org/10.1002/jor.20118
http://dx.doi.org/10.1007/s10237-010-0208-8
http://dx.doi.org/10.1007/s10237-010-0208-8
http://dx.doi.org/10.1016/S0021-9290(02)00086-6
http://dx.doi.org/10.1016/S0021-9290(02)00086-6
http://dx.doi.org/10.1007/BF02347690
http://dx.doi.org/10.1016/S0021-9290(96)00140-6
http://dx.doi.org/10.1016/S0021-9290(96)00140-6
http://dx.doi.org/10.1016/j.jbiomech.2006.06.013
http://dx.doi.org/10.1016/j.jbiomech.2006.06.013
http://dx.doi.org/10.1016/j.jtbi.2004.12.023
http://dx.doi.org/10.1016/j.jtbi.2004.12.023
http://dx.doi.org/10.1016/j.jbiomech.2005.01.037
http://dx.doi.org/10.1016/j.clinbiomech.2005.01.010
http://dx.doi.org/10.1126/science.263.5147.641
http://dx.doi.org/10.1016/j.jbiomech.2009.01.001
http://dx.doi.org/10.1002/jor.1100150414
http://dx.doi.org/10.1097/01.blo.0000191272.34786.09
http://dx.doi.org/10.1016/S0736-0266(03)00098-6
http://dx.doi.org/10.1016/S0736-0266(03)00098-6
http://dx.doi.org/10.1016/j.orthres.2003.11.007
http://dx.doi.org/10.1016/j.orthres.2003.11.007
http://dx.doi.org/10.1016/S0021-9290(97)00127-9
http://dx.doi.org/10.1002/mawe.200500969
http://dx.doi.org/10.1016/0021-9290(91)90350-V
http://dx.doi.org/10.1016/0021-9290(91)90350-V
http://dx.doi.org/10.1016/S0021-9290(02)00021-0
http://dx.doi.org/10.1016/S0021-9290(02)00021-0
http://dx.doi.org/10.1016/j.actbio.2008.02.030
http://dx.doi.org/10.1121/1.1886388
http://dx.doi.org/10.1002/jor.1100160413
http://dx.doi.org/10.1016/j.medengphy.2012.09.013
http://dx.doi.org/10.1016/j.medengphy.2012.09.013
http://dx.doi.org/10.1016/S0021-9290(99)00189-X
http://dx.doi.org/10.1002/jbm.820160615
http://dx.doi.org/10.1002/jbm.820160615
http://dx.doi.org/10.1016/S0021-9290(98)00161-4
http://dx.doi.org/10.1121/1.418118

40.

41.

42.

43.

44,

45.

Jurvelin JS, Buschmann MD, Hunziker EB. 1997
Optical and mechanical determination of Poisson’s
ratio of adult bovine humeral articular cartilage.
J. Biomech. 30, 235—241. (doi:10.1016/50021-
9290(96)00133-9)

Witt F, Petersen A, Seidel R, Vetter A, Weinkamer R,
Duda GN. 2011 Combined in vivo/in silico study of
mechanobiological mechanisms during
endochondral ossification in bone healing. Ann.
Biomed. Eng. 39, 2531-2541. (d0i:10.1007/510439-
011-0338-x)

Jurvelin J, Kiviranta |, Arokoski J, Tammi M,
Helminen HJ. 1987 Indentation study of the
biochemical properties of articular cartilage in the
canine knee. Eng. Med. 16, 15-22. (doi:10.1243/
EMED_JOUR_1987_016_006_02)

Guo L, Guo X, Leng Y, Cheng JCY, Zhang X. 2001
Nanoindentation study of interfaces between
caldum phosphate and bone in an animal spinal
fusion model. J. Biomed. Mater. Res. 54, 554—559.
(doi:10.1002/1097-4636(20010315)54:4 << 554::aid-
jbm120>>3.0.c0;2-9)

Blenman PR, Carter DR, Beaupre GS. 1989 Role of
mechanical loading in the progressive ossification of
a fracture callus. J. Orthop. Res. 7, 398—407.
(doi:10.1002/jor.1100070312)

Jin H, Lewis JL. 2004 Determination of Poisson’s
ratio of articular cartilage by indentation using
different-sized indenters. J. Biomech. Eng. 126,
138-145. (doi:10.1115/1.1688772)

46.

47.

48.

49.

50.

51.

52.

53.

Kennedy J, Eberhart R. 1995 Particle swarm
optimization. /EEE Int. Conf. Neural Networks 4,
1942-1948.

Poli R, Kennedy J, Blackwell T. 2007 Particle swarm
optimization. Swarm Intell. 1, 33—57. (doi:10.1007/
$11721-007-0002-0)

Reyes-Sierra M, Coello Coello CA. 2006 Multi-
objective particle swarm optimizers: a survey of
the state-of-the-art. Int. J. Comput. Intell. Res. 2,
287-308.

McKay MD, Beckman RJ, Conover WJ. 1979 A
comparison of three methods for selecting values of
input variables in the analysis of output from a
computer code. Technometrics 21, 239—245.
Dynardo. 2011 Optislang: the optimizing structural
language—software documentation. Weimar,
Germany: DYNARDO GmbH.

Vetter A, Epari DR, Seidel R, Schell H, Fratzl P, Duda
GN, Weinkamer R. 2010 Temporal tissue patterns
in bone healing of sheep. J. Orthap. Res. 28,
1440—1447. (doi:10.1002/jor.21175)

Peters A, Schell H, Bail HJ, Hannemann M,
Schumann T, Duda GN, Lienau J. 2010 Standard
bone healing stages occur during delayed bone
healing, albeit with a different temporal onset and
spatial distribution of callus tissues. Histol.
Histopathol. 25, 1149—1162.

(laes LE, Wilke HJ, Augat P, Rubenacker S,
Margevicius KJ. 1995 Effect of dynamization on gap
healing of diaphyseal fractures under external

54.

55.

56.

57.

58.

59.

fixation. Clin. Biomech. 10, 227-234. (doi:10.1016/
0268-0033(95)99799-8)

Schell H, Epari DR, Kassi JP, Bragulla H, Bail H),
Duda GN. 2005 The course of bone healing is
influenced by the initial shear fixation stability.

J. Orthop. Res. 23, 1022—1028. (doi:10.1016/j.
orthres.2005.03.005)

Wolf S, Janousek A, Pfeil J, Veith W, Haas F, Duda G,
Claes L. 1998 The effects of external mechanical
stimulation on the healing of diaphyseal osteotomies
fixed by flexible external fixation. Clin. Biomech. 13,
359-364. (doi:10.1016/50268-0033(98)00097-7)
Kenwright J, Goodship AE. 1989 Controlled
mechanical stimulation in the treatment of tibial
fractures. Clin. Orthop. Relat. Res. 241, 36—47.
Thiem S, Lssig J. 2011 Comparative study of different
approaches to particle swarm optimization in theory and
practice. In Particle swarm aptimization (ed. AE Olsson),
pp. 127—167. Hauppauge, NY: Nova Science Publishers.
Abspoel SJ, Etman LFP, Vervoort J, van Rooij RA,
Schoofs AJG, Rooda JE. 2001 Simulation based
optimization of stochastic systems with integer
design variables by sequential multipoint linear
approximation. Struct. Multidiscip. Optim. 22,
125-138. (doi:10.1007/5001580100130)

Etman LFP, Adriaens JMTA, van Slagmaat MTP,
Schoofs AJG. 1996 Crash worthiness design
optimization using multipoint sequential linear
programming. Struct. Multidiscip. Optim. 12,
222-228. (doi:10.1007/bf01197360)

68506107 ‘0L ey 205 y [ biobungsyqndisaposieforys: |


http://dx.doi.org/10.1016/s0021-9290(96)00133-9
http://dx.doi.org/10.1016/s0021-9290(96)00133-9
http://dx.doi.org/10.1007/s10439-011-0338-x
http://dx.doi.org/10.1007/s10439-011-0338-x
http://dx.doi.org/10.1243/EMED_JOUR_1987_016_006_02
http://dx.doi.org/10.1243/EMED_JOUR_1987_016_006_02
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/1097-4636(20010315)54:4%3C554::aid-jbm120%3E3.0.co;2-9
http://dx.doi.org/10.1002/jor.1100070312
http://dx.doi.org/10.1115/1.1688772
http://dx.doi.org/10.1007/s11721-007-0002-0
http://dx.doi.org/10.1007/s11721-007-0002-0
http://dx.doi.org/10.1002/jor.21175
http://dx.doi.org/10.1016/0268-0033(95)99799-8
http://dx.doi.org/10.1016/0268-0033(95)99799-8
http://dx.doi.org/10.1016/j.orthres.2005.03.005
http://dx.doi.org/10.1016/j.orthres.2005.03.005
http://dx.doi.org/10.1016/S0268-0033(98)00097-7
http://dx.doi.org/10.1007/s001580100130
http://dx.doi.org/10.1007/bf01197360

	Prediction of fracture healing under axial loading, shear loading and bending is possible using distortional and dilatational strains as determining mechanical stimuli
	Introduction
	Methods
	In vivo experiments
	Numerical fracture-healing model
	First step: model calibration on interfragmentary movements
	Second step: model evaluation on tissue distribution
	Third step: model corroboration on various loading conditions

	Results
	First step: model calibration on interfragmentary movements
	Second step: model evaluation on tissue distribution
	Third step: model corroboration on various loading conditions

	Discussion
	Conclusion
	References


