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Abstract A number of mechano-regulation theories have
been proposed that relate the differentiation pathway

of mesenchymal stem cells (MSCs) to their local biome-

chanical environment. During spontaneous repair pro-

cesses in skeletal tissues, the organisation of the extra-
cellular matrix is a key determinant of its mechanical

fitness. In this paper we extend the mechano-regulation

theory proposed by Prendergast et al (1997) to include

the role of the mechanical environment on the collagen

architecture in regenerating soft tissues. A large strain
anisotropic poroelastic material model is used in a sim-

ulation of tissue differentiation in a fracture subject to

cyclic bending (Cullinane et al, 2002). The model pre-

dicts non-union with cartilage and fibrous tissue for-
mation in the defect. Predicted collagen fibre angles, as

determined by the principal decomposition of strain-

and stress-type tensors, are similar to the architecture

seen in native articular cartilage and neoarthroses in-

duced by bending of mid-femoral defects in rats. Both
stress and strain based remodelling stimuli successfully

predicted the general patterns of collagen fibre organi-

sation observed in vivo. This provides further evidence

that collagen organisation during tissue differentiation
is determined by the mechanical environment. It is en-

visioned that such predictive models can play a key

role in optimising MSC based skeletal repair therapies

where recapitulation of the normal tissue architecture
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is critical to successful repair.
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1 Introduction

Biological tissues, especially those whose primary func-

tion is mechanical in nature, such as orthopaedic or car-

diovascular tissues, have been shown to be mechanosen-
sitive, i.e. they adapt to changes in their mechanical en-

vironment. These adaptations occur during all stages of

development - from the embryo to the adult organism.

Healing of skeletal injuries has been intensively used for
mechanobiological studies. During the healing process

the granulation tissue filling the site of injury is infil-

trated by mesenchymal stem cells that eventually dif-

ferentiate into osteoblasts, fibroblasts or chondrocytes

etc. and secrete matrix of differing biochemical com-
positions. Many authors have studied the relationship

between this differentiation process and the mechani-

cal environment and proposed mechano-regulation the-

ories. Pauwels (1941, 1960) related the mechanical en-
vironment, as described by shear stress and hydrostatic

stress, to the tissue phenotype. Carter et al (1988, 1998)

expanded on this idea and used hydrostatic stress and

maximum principal strain as regulators, with quantita-

tive boundaries of the mechano-regulation scheme pro-
posed later (Isaksson et al, 2006b). It was used among

others in a study where pseudoarthrosis formation was

studied in oblique fractures (Loboa et al, 2001). Specif-

ically, this model has been applied frequently in ten-
don mechano-biology, such as fibrocartilaginous meta-

plasia formation in tendons wrapping around bony for-

mations (Giori et al, 1993; Wren et al, 2000). Claes et al
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(1998); Claes and Heigele (1999) also used principal

strain and hydrostatic stress to predict tissue pheno-

types during fracture healing. Recognising the biphasic

nature of most skeletal tissues, Prendergast et al (1997);

Huiskes et al (1997) based their mechano-regulation al-
gorithm on octahedral shear strain and fluid velocity.

It has been successfully used to predict key events dur-

ing fracture healing (Lacroix and Prendergast, 2002a;

Lacroix et al, 2002; Isaksson et al, 2006a), distraction
osteogenesis (Isaksson et al, 2007; Boccaccio et al, 2007,

2008) osteochondral defect healing (Kelly and Prender-

gast, 2005, 2006) and implant integration (Huiskes et al,

1997).

Cullinane et al (2002, 2003) have demonstrated that
the mechanical environment during bone defect healing

can influence both tissue differentiation and the molec-

ular organisation (collagen fibre architecture) of the re-

pair tissue. They showed that cyclic bending applied
daily to an experimental mid-femoral defect results in

the formation of cartilage as opposed to bone tissue.

These neoarthroses exhibited preferred fibre angles con-

sistent with those seen in articular cartilage. Hayward

and Morgan (2009) further demonstrated that the pat-
terns of tissue differentiation observed experimentally

could be predicted using the mechano-regulation the-

ory of Prendergast et al (1997), providing further evi-

dence to suggest that both strain and fluid flow are key
regulators of tissue differentiation. What remains to be

elucidated is the exact relationship between the me-

chanical environment and the molecular organisation

of extracellular matrix at the repair site during skeletal

tissue differentiation.
A number of theories have been proposed for the remod-

elling and/or growth of biological tissues (Humphrey

and Rajagopal, 2003; Garikipati et al, 2006, 2004). Col-

lagen remodelling has been extensively studied in the
context of cardiovascular tissues. In these studies colla-

gen fibres have been assumed to align with respect to

a local mechanical regulator such as stress (Taber and

Humphrey, 2001; Gleason and Humphrey, 2004; Hari-

ton et al, 2007b,a) or strain (Driessen et al, 2003b,a;
Kuhl and Holzapfel, 2007; Driessen et al, 2008). The

strain driven remodelling algorithm proposed by Driessen

et al (2005) has also been successfully used to predict

the collagen architecture in articular cartilage (Wilson
et al, 2006a). In studies on fibrocartilage formation in

tendons, fibres were also hypothesised to align with

respect to the local maximum tensile strain direction

(Giori et al, 1993; Wren et al, 2000).

The hypothesis under investigation in this study is that
collagen fibres synthesised during tissue differentiation

align between the positive principal directions of either

local stress or strain tensors. In this paper we extend the

mechano-regulation model of Prendergast et al (1997),

as implemented by Lacroix et al (2002), to include a fi-

bre reinforced constitutive model for soft tissues, where

the organisation of the fibre network is regulated by

the mechanical environment. To test the hypothesis,
the model will be used to simulate the effect of bend-

ing on bone defect repair, and the predicted patterns

of differentiation and collagen fibre orientations in the

repair tissue will be compared to those observed exper-
imentally by Cullinane et al (2002).

2 Materials & methods

Adaptation of biological tissues is complex and gener-

ally includes volumetric growth, synthesis and resorp-

tion of extracellular matrix constituents and their reori-

entation. Here we use the terms remodelling and syn-
thesis loosely to refer to a variety of processes: The

reorientation of collagen fibres, the synthesis of new

fibrils, their crosslinking etc. Our intention is not to

make a clean distinction between the involved mecha-

nisms but to macroscopically and phenomenologically
capture the resulting structurally relevant anisotropic

effects. In this paper, the term remodelling will be used

to represent both modelling and remodelling of the re-

pair tissue architecture in response to the mechanical
environment.

2.1 Constitutive model

All soft tissues were modelled as fluid saturated porous

media. The total mixture stress of a biphasic medium

with solid and fluid volume fractions φs and φf is given

as

σ = σf + σs

= −pφfI − pφsI + σE
s

= −pI + σE
s

(1)

where p is the pore pressure and σE
s the extra stress in

the solid skeleton for which we provide a large strain

hyperelastic material model. In hyperelasticity Cauchy
stresses can be derived from a Helmholtz free-energy

function ψ(C) via the relation

σ =
2

J
F
∂ψ(C)

∂C
F T (2)

where the deformation gradient F has been used to de-

fine the right Cauchy-Green tensor C = F T F and the
volume ratio J = detF . Due to its porous nature the

solid matrix of biphasic tissues is compressible in its

bulk properties with respect to the mixture, although
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both the solid phase and the pore fluid are modelled

as intrinsically incompressible (Mow et al, 1980). The

solid matrix of all tissues was therefore modelled us-

ing a compressible Neo-Hookean material law with the

strain energy function expressed in terms of the princi-
pal invariants I1(C) = C : I and I3(C) = detC = J2

of the right Cauchy-Green tensor:

ψiso = C10(I1 − ln I3 − 3) +D2(ln I3)
2 (3)

Here C10 and D2 are material parameters. At small
strains they are related to the linear elastic Young’s

modulus and Poisson’s ratio via

C10 =
E

4(1 + ν)
and D2 =

C10ν

2(1 − 2ν)
(4)

While granulation tissue, bone marrow and bone were

modelled by this strain energy function alone, fibrous
tissue and cartilage were further characterised as aniso-

tropic materials by two fibre directions. These can be

identified in the undeformed configuration by the two

unit vector fields a0(X) and g0(X). Subsequently, we
omit the dependence on X in our notation. During de-

formation the fibres are stretched and rotated. Their

mapping into the current configuration follows from

a = Fa0 and g = Fg0 (5)

The fibre stretch λ is independent of a rigid body mo-

tion and motivates the introduction of the two invari-

ants I4 and I6 as

I4 = I : MC = λ2
a and I6 = I : M ′C = λ2

g (6)

where the structural tensors M = a0 ⊗ a0 and M ′ =

g0 ⊗ g0 have been used. The Helmholtz free-energy

is then additively split into isotropic and anisotropic

parts:

ψ = ψiso(I1, I3) + ψaniso(I4, I6) (7)

The first term already has been defined in eq. (3). For

the second term characterising the constitutive behaviour

of the collagen fibres we chose an exponential formula-
tion following Holzapfel et al (2002):

ψaniso =
C4

2βa

[

eβa(I4−1)2 − 1
]

+
C5

2βg

[

eβg(I6−1)2 − 1
]

(8)

The material parameters C4 and C5 give the fibres a

baseline stiffness while βa and βg describe the stiffen-

ing with increasing fibre stretch. If the β-values are set
to zero, a linear fibre model is recovered. Fibres were

only allowed to bear tensile loads and were assumed to

buckle without stress contributions under compressive

loads thus introducing tension-compression nonlinear-

ity into the model.

The described model was implemented into the com-

mercial finite element software package MSC Marc (ver-

sion 2008r1, MSC.Software Corporation, Santa Ana (CA),
USA) via user material interfaces in the context of soil

mechanics.

2.2 Material parameters

The isotropic material parameters C10 and D2 were de-

termined via relation (4) from the material parameters

used in many previous studies (Isaksson et al, 2006a,b;

Byrne et al, 2007; Lacroix and Prendergast, 2002b,a)
for bone, bone marrow and granulation tissue. How-

ever, due to the switch from isotropic to anisotropic

models the material parameters for the remaining soft

tissues were reconsidered. Early studies on tissue dif-

ferentiation during fracture healing often modelled the
tissues as single phasic elastic materials neglecting fluid

flow (Claes et al, 1998; Claes and Heigele, 1999). The

high stiffness values chosen for cartilage in these stud-

ies might have been intended to represent a dynamic
stiffness. For biphasic models, however, the equilibrium

stiffness has to be supplied as a consistent input pa-

rameter. Also, these former studies did not take into ac-

count tension-compression non-linearities but employed

isotropic material laws. For example, a Young’s modu-
lus of 10MPa was commonly chosen for cartilage. Car-

tilage properties are species-, location- and type depen-

dent. Compressive aggregate moduli of articular carti-

lage vary between 0.1 and 2MPa and tensile moduli
between 5 and 25MPa have been reported (Mow and

Guo, 2002). We chose an intermediate value of 1 MPa

for the Young’s modulus of the isotropic ground phase.

As many researchers report tensile moduli in split line

direction that are roughly 10 fold higher than compres-
sive properties (Roth and Mow, 1980; Akizuki et al,

1987; Huang et al, 2005) we chose a tensile modulus of

10MPa. To transform these values into the parameters

for the material model described above a Poisson’s ra-
tio for articular cartilage of ν = 0.167 was assumed - a

value well within the spectrum of reported values (e.g.

Jurvelin et al (1997)) and typically used in mechano-

regulation studies. Using relation (4) the values for C10

and D2 can be determined from a compressive Young’s
modulus of E− = 1MPa. To determine tensile mate-

rial parameters consider an articular cartilage speci-

men harvested from the superficial zone parallel to the

split-line direction (Roth and Mow, 1980; Akizuki et al,
1987). Both families of fibres were assumed to coincide

with the direction of loading and given identical prop-

erties. To get a ten times stiffer reaction in tension than



4

in compression up to ≈ 20% strain, the values for the

fibre striffnesses were set to C4 = C5 = 0.964MPa.

The corresponding values for fibrous tissue were ap-

proximated to be one fifth of the cartilage values in

accordance with previous mechano-regulation studies
(Isaksson et al, 2006a,b; Byrne et al, 2007; Lacroix and

Prendergast, 2002b).

At physiological loading rates most soft tissues exhibit

significant fluid flow independent viscoelasticity. One
way to account for the immediate viscoelastic effects

without modelling relaxation phenomena is to use a mo-

mentary stiffness value instead of an equilibrium mod-

ulus. Note however that these values can be specific to

certain loading regimes and strain rates. To partially
address this uncertainty in soft tissue mechanical prop-

erties, we undertook a parameter variation study with

3 sets termed “low” (derived from equilibrium prop-

erties), “mid” (intermediate values) and “high” (val-
ues previously used in isotropic models were taken as

compressive properties for the current fibre reinforced

model). The predicted phenotypes and differentiation

patterns were compared to those predicted by the tradi-

tional approach (i.e. assuming all tissues to be isotropic).
Material properties are summarised in table 1. Linear

fibre behaviour was assumed, so that βa = βg = 0. The

fluid bulk modulus of water was used for the pore fluid

in all tissues: K = 2300MPa.

2.3 Mechano-regulation model

Fig. 1: Iterational loop of the mechano-regulation algorithm to
update tissue properties according to predicted differentiation
outcomes and architecture.

Mechano-regulation simulations usually follow a com-

mon loop (Fig. 1): A typical loading cycle is simulated

to compute the regulatory stimuli under present condi-
tions. The implemented regulation algorithm then pre-

dicts the tissue’s response. Specifically, the mechanical

properties at a specific region of the tissue are updated

Fig. 2: Stimulus tensor S (left) is transformed into principal
space. There, fibre directions are situated between the principal
axes depending on the eigenvalues of S.

based on the predicted change in tissue phenotype and

organisation, as described below. The simulation of the

representative loading cycle is then repeated with the
updated material properties. We subsequently refer to

these loops as iterations i. The following mechano-regu-

lation algorithm was implemented in each integration

point of the finite element mesh.

At the beginning of the simulation the entire fracture
callus was modelled as granulation tissue. Stem cell in-

filtration from the periosteum, the outer cortical surface

and the medullary canal was modelled via a simple dif-

fusion equation:

∂ccell
∂t

= D∇
2ccell (9)

where ccell is the current cell concentration and D =

0.34 mm2 d−1 the diffusion coefficient (Lacroix et al,

2002; Andreykiv et al, 2008).

Fluid flow and shear strain were used as mechanoreg-
ulatory stimuli for tissue differentiation (Prendergast

et al, 1997; Lacroix and Prendergast, 2002b,a; Isaksson

et al, 2006a,b). A scalar stimulus S

S =
γ

a
+
v

b
(10)

was calculated where γ was octahedral shear strain, v

fluid velocity. The values of the scaling constants were
a = 0.0375 and b = 3 µm (Huiskes et al, 1997). Differ-

entiation into a certain phenotype was then determined

according to

S























≥ 3 fibrous tissue
∈ [1; 3) cartilage

∈ [0.267; 1) immature bone

∈ [0.011; 0.267) mature bone

< 0.011 resorption

(11)

The intervals for S were established in Huiskes et al

(1997) and later extended to include two bone phases

(Lacroix et al, 2002) and bone resorption (Lacroix and
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Table 1: Material parameter sets “low” / “mid” / “high” / “iso”. E− and E+ are compressive and tensile Young’s moduli, respectively,
while for the isotropic parameter set the same modulus E± was used in tension and compression. Other variables: ν - Poisson’s ratio,
k - permeability, φF0 - initial porosity.

granulation fibrous bone immature mature cortical
property tissue tissue cartilage marrow bone bone bone

E− (low) [MPa] 0.2 0.2 1.0 2.0 1000 6000 15750
E+ (low) [MPa] 0.2 2.0 10.0 2.0 1000 6000 15750
E− (mid) [MPa] 0.2 1.0 5.0 2.0 1000 6000 15750
E+ (mid) [MPa] 0.2 10.0 50.0 2.0 1000 6000 15750
E− (high) [MPa] 0.2 2.0 10.0 2.0 1000 6000 15750
E+ (high) [MPa] 0.2 20.0 100.0 2.0 1000 6000 15750
E± (iso) [MPa] 0.2 2.0 10.0 2.0 1000 6000 15750
ν [-] 0.167 0.167 0.167 0.167 0.3 0.3 0.3

k [ mm
4

Ns
] 1 · 10−11 1 · 10−11 5 · 10−12 1 · 10−11 1 · 10−10 3.7 · 10−10 1 · 10−14

φF0 [-] 0.8 0.8 0.8 0.8 0.8 0.8 0.04

Prendergast, 2002a). Mechanical properties of the re-
sulting differentiating tissue were calculated using a rule

of mixtures. The following equations use the Young’s

modulus as an example. However, the described ap-

proach was followed for all material properties. Fol-
lowing the computational smoothing procedure from

Lacroix and Prendergast (2000) to avoid numerical in-

stabilities and account for the time delay between stim-

ulus and MSC differentiation, the Young’s modulus of

differentiated tissue in the next iteration Ediff
n+1 is de-

termined as the average from the Young’s moduli Ei of

the tissue phenotypes during the last ten iterations.

Ediff
n+1 =

1

10

n
∑

i=n−9

Ei (12)

Employing the rule of mixtures again, final mechanical

properties (e.g. En+1) in an integration point are ob-

tained as a weighted average of the properties of the
granulation tissue and the differentiated tissue:

En+1 =
cmax − ccell

cmax
Egran +

ccell
cmax

Ediff
n+1 (13)

where ccell is the current and cmax the maximum cell

concentration.
Fibre directions were updated equivalently to eq. (12).

The unit vectors designating the preferred directions

in the following iteration a0,n+1 and g0,n+1 were thus

obtained via

a0,n+1 =

n
∑

i=n−9

a0,i

∣

∣

∣

∣

n
∑

i=n−9

a0,i

∣

∣

∣

∣

and g0,n+1 =

n
∑

i=n−9

g0,i

∣

∣

∣

∣

n
∑

i=n−9

g0,i

∣

∣

∣

∣

(14)

as the average of the predicted unit vectors from the last

ten iterations, a0,i and g0,i. Prior to summation the di-

rectional sense of the vectors was modified to yield a

non-negative scalar product:
(

n−k
∑

i=n−9

a0,i

)

· a0,n−k+1 ≥ 0 with k ∈ [1, 8].

Fibres were assumed to align between the positive prin-

cipal directions of a symmetric stimulus tensor S (see
Fig. 2). Consider the spectral decomposition of S

S =

3
∑

j=1

sj vj ⊗ vj with s1 ≥ s2 ≥ s3 (15)

where sj are the eigenvalues of S and vj ⊗ vj the basis

of its eigenvectors. In case of S being a material tensor,
predicted fibre directions immediately follow from

a0,i =
s1v1 + s2v2 + s3v3

√

s21 + s22 + s23

g0,i =
s1v1 − s2v2 − s3v3

√

s21 + s22 + s23

(16)

where only tensile eigenvalues sj are used. If all prin-

cipal stresses or stretches are non-tensile, then current

fibre directions are kept. If only one eigenvalue is ten-
sile, then both fibre directions coincide with the cor-

responding eigenvector. The resulting vectors from eq.

(16) where then used to update fibre orientation in the

next iteration via eq. (14).

In case of S being a spatial tensor, fibre directions in the
current configuration were driven by the spatial stimu-

lus

ai =
s1v1 + s2v2 + s3v3

√

s21 + s22 + s23

gi =
s1v1 − s2v2 − s3v3

√

s21 + s22 + s23

(17)

However, the update of the fibre directions (eq. (14))

took place in the stress free reference configuration. The

predicted fibre angles were therefore pulled back and
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Fig. 3: Schematic of geometry. Boundary conditions and initial
state of fracture model. Inner and outer regions of interest within
the internal callus are 1: Superficial zone (SZ). 2: Middle zone
(MZ). 3: Deep zone (DZ). Each zone was 0.2mm high and 1mm
wide. Half the meshed geometry shown in inlay in top right.

normalised using

a0,i =
F−1ai

|F−1ai|
and g0,i =

F−1gi

|F−1gi|
(18)

and only then fed into eq. (14).

In this paper we examined three possible phenomeno-

logical stimuli for fibre reorientation - the material right

Cauchy-Green tensor C as well as two spatial stress
tensors: The solid extra stress σE

s , which is directly de-

termined from the material model via the solid matrix

deformation gradient, and the total stress in the solid

σs = σE
s −pφsI, which also includes the fraction of the

pore pressure born by the solid phase.

2.4 Geometry & discretisation

The experimental study by Cullinane et al (2002, 2003)

was investigated with the extended mechano-regulation

theory. An idealised geometry of a rat femor with a
3mm fracture gap was created (see Fig. 3). A plane

strain finite element model was used to simulate ± 6 ◦

bending for 24 days, the time period of loading investi-

gated by Hayward and Morgan (2009).
Fibre angles were measured in Cullinane et al (2003)

where “The superficial zone was determined as the area

immediately under the cartilage surface, the deep zone

was the area immediately adjacent to the underlying

bone, and the intermediate zone was exactly half way

between the deep and superficial zones”. We defined

our zones accordingly (see Fig. 3). Fibre angels where

averaged in these zones. Two regions of interest were
defined in the internal callus: An inner and an outer

region as illustrated in Fig. 3.

The geometry was discretised using 1036 eight-noded

isoparametric elements with biquadratic interpolation
of displacements (u) and bilinear interpolation of the

pore pressure (p) (MSC, 2008b). A two-field variational

approach was adopted using a mixed u-p formulation.

The numerical results was obtained via a Newton-Raph-

son solution strategy (MSC, 2008a). The boundary con-
ditions are shown in Fig. 3.

2.5 Simulations

The following simulations were performed. To assess the

distribution of tissue phenotypes compared to previous

models that assumed isotropy a simulation without a fi-

bre reinforced constitutive model (parameter set Eiso)
was run. In the following nine simulations the three pa-

rameter sets “low”, “mid” and “high” were each com-

bined with three fibre orientation stimuli: (1) the right

Cauchy-Green tensor C (strain driven remodelling, ma-

terial tensor); (2) the solid extra stress σE
s (Cauchy

stress driven remodelling, spatial tensor) and (3) the

total solid stress σs.

2.6 Angle averaging

During postprocessing average angles in an area were

obtained via the vector summation

ā =
1

N

N
∑

k=1

a0,k (19)

and extracting the resulting angle from ā. This angle

was defined in the interval ϕ̄ ∈ (−90◦; 90◦] around the

horizontal axis. Note the similarity of equations 14 and
19 where the difference lies in the normalisation condi-

tion. While both yield the same direction for a given set

of vectors, eq. 14 always yields a vector of unit length

and eq. 19 one of unit length or less. This deviation

from unit length (|ā| = 1 would occur if all vectors a0,k

were co-linear) was used to compute the circular stan-

dard deviation σc used in directional statistics (see e.g.

Fisher (1993)):

σc =
√

−2 ln |ā| (20)



7

(a) isotropic, high (b) legend

(c) C, low (d) C, mid (e) C, high

(f) σE
s , low (g) σE

s , mid (h) σE
s , high

(i) σs, low (j) σs, mid (k) σs, high

Fig. 4: Phenotypes after 24 iterations. Influence of fibre stimulus and material parameters. No bone is predicted to form.

3 Results

In all simulations a mixture of cartilage and fibrous

tissue is predicted within the fracture callus, with no

bone formation. Similar patterns of tissue differentia-

tion are predicted by the classic isotropic model and
the anisotropic model with “low” material parameters

(see figures 4a to 4k). Higher soft tissue stiffness values

lead to the prediction of less cartilage formation. Area

fractions of fibrous tissue are predicted to increase from

55.4% (C, low) to 80.6% (C, high), see fig. 9. This is
caused by higher fluid velocities within the callus (see

figs. 5c to 5k for comparison). The predicted fibre an-

gles and circular standard deviations are summarised

in table 2 for the outer and inner regions, respectively.
A visual impression of the fibre architecture can be ob-

tained in Fig. 6. The collagen fibre orientation is pre-

dicted to change from ≈ 1.5◦ in the superficial zone to

between 35◦ and 60◦ in the deep zone, depending on
the considered stimulus. Circular standard deviations

in the regions of interest increased strongly from super-

ficial to deep zones as was also observed in Cullinane

et al (2002). Generally, all regulatory stimuli were able

to capture this fundamental trend in the fibre archi-
tecture, although certain variations were observed that

are described below. The strain driven model predicted

a more gradual increase of the fibre angle throughout

the depth of the tissue. On the other hand the stress
controlled model predicted rapid changes in fibre ori-

entation and also predicted higher angles in the deep

zones (see figs. 8a to 8c). The transition from parallel

to perpendicular orientation occurred more towards the

lower middle zone when σs was chosen as the stimulus.
For the other stimuli, the reorientation occurred mostly

in the deep zone. Total solid stress driven remodelling

also predicted a peak fibre angle between middle and
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(a) all, day 1 (b) isotropic, high, day 24

(c) C, low, day 24 (d) C, mid, day 24 (e) C, high, day 24

(f) σE
s , low, day 24 (g) σE

s , mid, day 24 (h) σE
s , high, day 24

(i) σs, low, day 24 (j) σs, mid, day 24 (k) σs, high, day 24

Fig. 5: Relative influence of stimuli at iteration 24 (octahedral shear strain on x-axis [%], fluid velocity on y-axis [µm], double
logarithmic scale). Iteration one is identical for all simulations.

deep zone followed by a drop towards the deep zone
(see Fig. 8b). The other stimuli did not exhibit this

pronounced behaviour.

In both the outer and inner region of the internal cal-

lus (see Fig. 3), the models predict an architecture with
fibres parallel to the transverse plane in the superfi-

cial zone. In the middle zone the strain driven algo-

rithm predicted similar angles in inner and outer re-

gions, whereas a the angle changed from -1.8◦ in the
inner region to 9.8◦ in the outer region for the extra

stress driven algorithm. When the total solid stress was

used as fibre stimulus the angle doubled from outer to

inner region. In the deep zones a large drop in the fibre
angle was predicted during strain driven remodelling

from 46.4◦ to 24.6◦ between the outer and inner region.

During stress driven remodelling the trend was not as
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internal callus (a) C (b) σE
s (c) σs

Fig. 6: Predicted fibre orientations for the three stimuli after 24 days of loading in the internal callus. Figure on left hand side shows

the regions defined as the “inner” and “outer” in the internal callus (separated by the white line).

external callus (a) C (b) σ
E
s (c) σs

Fig. 7: Predicted fibre orientations for the three stimuli after 24 days of loading in the external callus (region filled in with black in
figure on left hand side).

(a) inner region (b) outer region (c) combined

Fig. 8: Average fibre angles at iteration 24 throughout the depth of the repair tissue in the inner region, outer region and both regions
combined. The coordinate z is counted positive in proximal direction along the bone axis with z = 0 at the transverse mid plane of
the fracture callus (superficial zone).

severe and opposite, with an increase from the outer to

the inner region predicted.

Increasing the soft tissue stiffness values from the base-
line values leads to changes in the predicted fibre angle

in deep zones (see table 2). This is most pronounced

for strain driven remodelling. Only minimal changes in

the predicted fibre angles were observed in the super-
ficial zone retaining the general result of a fibre orien-

tation parallel to the transverse plane for all stimuli.

Total solid stress driven remodelling of the fibre archi-

tecture was least sensitive to changes in the stiffness.

This was the only stimulus to retain high deep zone an-
gles througout the parameter variation.

The fibre architecture in the repair tissue of the external

callus was also predicted (see Fig. 7). While all stim-

uli predict vertical fibre arrangement to some degree,
strain driven remodelling predicted a more disorganised

tissue. In contrast stress driven remodelling exhibits a
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Fig. 9: Area fractions of fibrous tissue and cartilage in the fracture
callus for the performed simulations after 24 iterations.

highly organised vertical fibre alignment in the direc-

tion of maximum tensile stresses during bending.

4 Discussion

In this paper we extended the mechano-regulation al-

gorithm proposed by Prendergast et al (1997) to pre-

dict changes in tissue architecture during differentia-

tion. Towards this end we implemented a large strain

anisotropic biphasic material model and added a rule
for collagen fibre organisation depending on the me-

chanical environment. Switching from an isotropic to a

fibre reinforced constitutive model led to a reconsider-

ation of material parameters normally used in mechano-
regulation models. A parameter variation study revealed

that a set of material parameters in the range of the soft

tissues’ equilibrium properties produced tissue differ-

entiation predictions that were similar to those deter-

mined by making the assumption of tissue isotropy. The
tensile moduli of this set were equal to the moduli used

in previous isotropic studies. Of greater importance was

the fact that this novel constitutive framework allowed

for a fundamental investigation of the role of the local
mechanical environment in regulating the architecture

of regenerating soft tissue.

The model predictions of tissue differentiation for the

non-union of a fracture subject to cyclic bending loads

can be compared to histological data from develop-
ing neoarthroses (Cullinane et al, 2002). The mechano-

regulation algorithm predicted a mixture of cartilagi-

nous and fibrous tissue, generally consistent with ex-

perimental findings and previous computational mod-
els (Cullinane et al, 2002, 2003; Hayward and Mor-

gan, 2009). However we did not predict the bony ar-

cade structures reported by Cullinane et al (2002). Both
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strain- and stress-driven remodelling predicted collagen

fibre angles similar to those measured throughout su-

perficial, intermediate and deep zones of the neoarthroses,

recapitulating the fibre architecture of native articular

cartilage (Cullinane et al, 2002). This study demon-
strates for the first time that mechano-regulation mod-

els can be used to successfully predict both tissue differ-

entiation and organisation during fracture repair. This

provides further evidence that the collagen organisation
of the repair tissue is regulated by the local mechanical

environment.

Predicted fibre orientations were least sensitive to ma-

terial parameter variation when based on σs. With this

stress type stimuli we also observed the lowest devi-
ation in predictions of fibre architecture between the

inner and outer regions. However, there was no data

available on these deviations in experimental studies

(Cullinane et al, 2002).
The external callus is dominated by highly aligned ver-

tical fibres during stress driven remodelling (Fig. 7).

Those fibres may contribute to a stabilisation of the

fracture by supporting tensile stresses during bending.

The strain driven algorithm predicted a more disorgan-
ised tissue due to lateral strains occurring during com-

pressive loading. Vertical alignment can still be seen,

however in a smaller area (Fig. 7).

As expected, higher stiffness values for the soft tissues
in tension and compression lead to an increase in the

calculated pore pressure values and gradients. These

pressure gradients drive the fluid flow in the biphasic

mixture leading to an increase in the stimulus for dif-

ferentiation S (eq. (10)), thus leading to more fibrous
tissue being predicted by the mechano-regulation al-

gorithm. The parameter set “low” yielded comparable

results to the isotropic model predictions. During com-

pression of a biphasic medium lateral tensile strains can
occur. Thus, though fibres only bear load during ten-

sile loading in the described material model, depending

on their orientation fibres can contribute to the overall

apparent stiffness of a compressed piece of tissue. The

fibres then support fluid pressurisation. If this induced
pressure is non-homogeneous, i.e. ∇p 6= 0, it will ele-

vate the fluid flow induced stimuli experienced by the

cells.

While both stress and strain driven remodelling algo-
rithms have been proposed, one should keep in mind

that either are but mathematical, not physical, con-

cepts. Due to their phenomenological nature their va-

lidity must be supported by application to various dif-

ferent scenarios and comparison to experimental data.
Though the angles predicted by stress driven remod-

elling in this study are slightly closer to the measured

ones and were influenced less by the parameter varia-

tion, this result is not sufficient to make any kind of

statement in that direction. Comparison of both stress-

type stimuli shows quite similar values in the predicted

architecture. This result can not be generalised to all

scenarios. In a mechanical environment where the hy-
drostatic pressure is high compared to the solid matrix

extra stress, the total stress in the solid will be quite

different from that extra stress and will predict a dif-

ferent fibre architecture.
The employed model had some limitations: The fracture

was modelled as a two dimensional structure to reduce

calculation times. We also used an idealised geometry

rather than experiment specific data. These two sim-

plifications are likely contributing to the lack of bone
formation predicted in our models compared to that

observed in the experimental study (Cullinane et al,

2002). The intrinsic viscoelasticity of the involved soft

tissues was neglected. We furthermore did not model
angiogenesis (Geris et al, 2006; Checa and Prender-

gast, 2009b) because the developing neoarthrosis and

not bone formation was the focus of interest. Stem

cell dispersal as a combination of proliferation and mi-

gration was implemented as a simple diffusive process
without accounting for cell death or the biochemical

environment (such as growth factors, e.g. Bailón-Plaza

and van der Meulen (2001)). The model assumes that

all MSCs migrated into the callus from the bone mar-
row, the periosteum and the outer cortical surface and

neglects other MSCs that may home into the injured

site from alternative sources. Furthermore, it assumes

that all MSCs will respond identically to their mechan-

ical environment, whereas in reality the bone marrow
cell population in itself is highly heterogeneous. Cellu-

lar events and characteristics can be captured more ac-

curately with extended continuum models (Andreykiv

et al, 2008; Isaksson et al, 2008b,a) or lattice based ap-
proaches including stochastic components (Perez and

Prendergast, 2007; Byrne et al, 2007; Checa and Pren-

dergast, 2009a). Callus growth was not considered, but

has been incorparated into other models (Gómez-Benito

et al, 2005, 2006; Garćıa-Aznar et al, 2007). Tissue
damage was not included in the mechano-regulation

model, but would be considered likely in regions of high

strain. Despite these limitations the model was able to

capture the main experimental results and predict the
zonal architecture of the developing cartilage. Future

tests of the hypotheses made in the model could in-

clude attempts to simulate healing under altered load-

ing conditions and fracture gap sizes. Another aspect

we wish to improve in the near future is related to
the time course of the healing: Presently all tissues

and components are synthesised at the same rate. How-

ever, a composition based approach (e.g. Wilson et al
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(2007, 2006b); Loboa et al (2003)) with cell-specific ac-

tivities (such as for example demonstrated in Isaksson

et al (2008b)) will be more suitable to capture such ef-

fects like age, species and tissue specific synthesis rates.

To ease parameter identification we used a linear fibre
model (βa = βg ≡ 0) which does not capture the typical

stretch induced stiffening of collagen molecules. Fibre

dispersion was not included in our remodelling consid-

erations, as has been done in other remodelling algo-
rithms (Driessen et al, 2008). Other interesting aspects

that may be considered include the distinction between

remodelling existing and the synthesis of new tissue.

In the future this model can be applied to investigate

specifically those healing processes and tissue engineer-
ing strategies where recapitulating normal tissue archi-

tecture is important. For example chondral and osteo-

chondral defect repair critically depends on achieving a

native-like zonal structure so that the tissue can endure
in-vivo loads. However, in this first study we focused

on the integration of fibre synthesis and organisation

with an existing theory for mechano-regulated tissue

differentiation. We provided evidence that mechano-

regulation algorithms can be combined with knowledge
from remodelling studies to simultaneously address the

differentiation and organisation of regenerating tissues.

It is expected that the mechano-regulation algorithms

will become more powerful tools by considering not only
changes in phenotype during regenerative processes but

also tissue architecture.
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