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Effect of surface area and pore size on long-term bone regeneration: 
dynamic changes in geometric characteristics, mass transport, and 
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Abstract
The specific surface area (SS) and pore size (D) exhibit an inherent trade-off in the microscale design of bone implants: 
larger pores typically correlate with reduced surface area and vice versa. This relationship has attracted notable attention be‐
cause of its critical role in the regulation of cell adhesion and osteogenesis. However, it remains largely unclear how SS and 
D affect the generated bone tissue and dynamically change during long-term osteogenesis. Herein, by applying rigorous geo‐
metric mapping to minimal surfaces, we constructed precisely partitioned and layer-by-layer thickened tissue models to simu‐
late osteogenesis across different temporal scales and thereby track the dynamic evolution of geometric characteristics, per‐
meability, and mechanobiological tissue differentiation. The high-SS samples were found to facilitate the rapid formation of 
new bone tissue in the early stages. However, their smaller pores tended to cause occlusions, hindering further tissue devel‐
opment. In contrast, low-SS samples showed slower bone regeneration, but their larger pores provided adequate physical 
space for tissue regeneration and mass transport, ultimately promoting bone formation in the long term. Mechanobiological 
regulation suggests that fibrous tissue formation inhibits additional bone formation, establishing a dynamic equilibrium be‐
tween osteogenesis and pore space to sustain nutrient/waste exchange throughout the regenerative process. Overall, smaller 
pores are preferable in implants for minimally loaded osteoplasty procedures focused on early-stage bone consolidation, 
whereas larger pores are preferable in dynamically loaded implants requiring prolonged mechanical stability.
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1　Introduction

Porous materials have emerged as a promising paradigm for 
bone repair implants because their elastic modulus can be 
tailored to match that of bone tissue through porosity modu‐
lation, with the porous structure simultaneously providing 
physical space for nutrient diffusion and facilitating bone re‐
generation [1, 2]. In contrast to cemented implants, porous 
implants foster bone ingrowth at the bone–implant inter‐
face, resulting in the stable integration of porous implants 
with the host bone and superior long-term prosthesis sur‐
vival rates [3, 4]. However, clinical data indicate that some 
surgeries still lean toward cemented prostheses [5]. Cement‐
less prostheses require a longer time to achieve osseointe‐
gration and are susceptible to periprosthetic fractures during 
the early postoperative period. Thus, cemented implants are 
often recommended for elderly patients [6]. In recent years, 
the rising prevalence of extreme sports and traumatic frac‐
tures has led to increased demand for bone implants with 
enhanced longevity and functional capacity (e.g., enabling 
high-impact activities such as hiking and running) from 
younger patients [7, 8]. This shift has driven innovations in 
porous implant design, targeting accelerated bone ingrowth, 
robust interfacial bonding, and improved load-bearing 
capabilities.

Recently, metals, ceramics, and polymers with superior 
biocompatibility have attracted substantial attention as 
bone–implant materials [9, 10]. However, given the critical 
requirement for long-term biocompatibility and mechanical 

reliability, metallic bone implants remain dominant in both 
commercial adoption and clinical implementation. Cur‐
rently, the central research challenge in the field is the opti‐
mization of their structural design. At the macroscopic 
scale, functional-gradient architectures are widely employed 
to mimic the mechanical gradients of cortical and cancel‐
lous bone [11]. These gradients are typically realized 
through porosity gradients [12, 13], structural-type gradi‐
ents [14], and unit cell size gradients [15, 16]. Indeed, cur‐
rent investigations preferentially employ micro- and meso-
scale architectures (100–1500 μm) to mimic the mechanical 
and biological characteristics of cancellous bone [17]. Previ‐
ous studies have extensively explored geometry–property 
relationships in lattice structures, minimal surface struc‐
tures, and random biomimetic structures, aiming to meet 
the requirements of bone implants in terms of key proper‐
ties such as elastic modulus, yield strength, and perme‐
ability [18, 19]. Nevertheless, empirical evidence suggests 
that structural complexity alone does not inherently enhance 
functional performance, as mechanical requirements can be 
satisfied solely by adjusting the porous structure. In con‐
trast, fundamental geometric parameters play a pivotal role 
in bone regeneration. For example, pore size governs mass 
transport efficiency [20], whereas surface area determines 
initial cell attachment and tissue colonization capacity [21]. 
Evidence suggests a trade-off between pore size and surface 
area in bone implants: the smaller the pore size of a 

138



Bio-Design and Manufacturing (2026) 9:137–152

material, the larger its specific surface area [22]. Most criti‐
cally, pore size and surface area dynamically change with 
bone ingrowth: newly formed bone tissue occupies the pores, 
thereby reducing the capacity for mass transport [23, 24]. 
Currently, the optimal balance between pore size and sur‐
face area for the long-term service of implants remains 
unclear.

Notably, in preclinical studies on animal models (e.g., 
mice, rabbits), construct dimensions rarely exceed 10 mm. 
Consequently, new bone tissue rapidly fills the entire scaf‐
fold within 4–12 weeks [20, 25], suggesting an optimal 
pore size range of 500–1000 μm. However, in clinical stud‐
ies, many large-segment bone defects exceed the critical 
size of 3–5 cm [26]. Bone regeneration originates from the 
bone–implant interface, and newly formed bone tissue can 
block the pores, complicating deep bone ingrowth. This 
phenomenon is exemplified by results obtained for a 
critical-sized sheep tibial defect model (15 cm): after 
24 weeks, substantial bone deposition occurred at the inter‐
face, whereas minimal ingrowth was observed in the mid-
region of the scaffold [27]. These findings indicate that the 
500–1000 μm pore size is effective in small animal models 
but fails to address the temporal and spatial complexities of 
osseogenesis in large-segment implants, where prolonged 
bone ingrowth is hampered by the dynamic constraints im‐
posed on nutrient diffusion efficiency by newly formed 
bone. Consequently, implant design must reconcile two 
competing priorities: achieving a sufficient bone generation 
rate while maintaining long-term mass transport capacity.

To address the above issues, the present study used 
minimal surface structures and scaling of unit cells to ob‐
tain samples with controlled pore sizes and surface areas. 
By progressively adding precisely partitioned thin layers 
to the surface of the porous structure, the long-term bone 
regeneration was simulated, and the hindering effects of 
newly formed bone tissue on mass transport were investi‐
gated. Additionally, a biophysical model was constructed 
to explore the changes in the biomechanical environment 
caused by newly formed bone tissue during long-term 
osseoregeneration.

2　Materials and methods

2.1　Structure design and fabrication

A Gyroid structure was adopted as the foundation; its math‐
ematical equation is shown below:

sin ( 2π
L x ) cos ( 2π

L y)+sin ( 2π
L y) cos ( 2π

L z)
+sin ( 2π

L z) cos ( 2π
L x )= t, (1)

where x, y, and z are the coordinates of a point in the design 
space, and L is the dimension of the Gyroid unit cell in the 
x, y, and z directions. Parameter t is linearly related to the 
porosity (P) of the structure [28]. In the present study, all 
samples had 65% porosity (i.e., − 0.525<t<0.525), and the 
unit cell size was varied from 1.5 to 3.0 mm by adjusting 
parameter L. The Gyroid minimal surface is typically cat‐
egorized into network and matrix types [29]. Herein, the 
shell-based matrix samples were designated as M15–M30 
(Fig. 1a). These samples were fabricated from photosensi‐
tive resin (TAPS 400P, POLLY POLYMER, China) using 
405-nm light, followed by a 30-min ultraviolet curing post-
processing (Fig. 1b).

The pore size and specific surface area were measured us‐
ing HyperMesh software (version 2023, Altair Engineering, 
USA). Pore size, defined as the normal distance between 
adjacent pore walls (Fig. 1a), is positively correlated with 
oxygen/nutrient transport capacity [22, 30]. The specific 
surface area (SS) represents the space per unit volume avail‐
able in an implant for cell adhesion and tissue growth:

SS= S
L3 , (2)

where S and L are the surface area and dimension of the 
unit cell, respectively [21]. With an increase in the size of 
the unit cell, the pore size and specific surface area change 
in opposite directions (Fig. 1c).

2.2　Simulation of long-term bone generation

Surface area and pore size both play important roles in bone 
regeneration, yet they are in a trade-off and must be dynami‐
cally balanced for long-term bone regeneration. The present 
study focused on the interplay between geometric character‐
istics at the bone–implant interface and bone regeneration. 
Long-term bone regeneration is challenging to predict with 
precision [31, 32]. Herein, we considered long-term bone re‐
generation as a stable process wherein bone tissue is gener‐
ated uniformly over time on the implant surface, leading to 
cumulative bone formation over time. However, the newly 
formed bone tissue progressively occludes the pores, 
thereby impairing mass transport [23]. Considering the pore 
size and permeability of human bone [22], we hypothesized 
that bone formation ceases when the pore size (D) de‐
creases below 400 μm. The mathematical description is as 
follows:

Max H = n × d,  n = 1, 2, …
s.t.  ìí

î

D⩾400 μm,
dmin⩽dn⩽dmax,

(3)

where d is the thickness of bone tissue generated per unit 
time, n denotes different time phases, and H is the total 
bone thickness. Here, dmin and dmax represent the spatial 
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constraints provided by the porous structure, meaning that 
new tissue can only grow within the pores. As bone tissue 
can only grow between the implant walls, its spatial distri‐
bution is constrained by dn. Through this approach, we sub‐
stituted temporal effects with the spatial distribution of bone 
regeneration (Fig. 1d). Wall thickness (lw) of the Gyroid 
structure can be described as [33]

lw= (1−P )×L3

S0
, (4)

where S0 is the surface area of the unit cell at t=0, and L 
and P are the dimensions of the unit cell and porosity, re‐
spectively. In the present study, all the samples had 65% po‐
rosity; thus, the relationship between bone thickness (H) 
and porosity (P) can be expressed as follows:

P=0.65− HS0
L3 . (5)

Given that H=n×d (n=1, 2, …), we used d=40 μm to de‐
termine the corresponding porosity for each H, followed by 
spatial modeling (Fig. 1d). Equation (5) describes the rela‐
tionship between initial porosity and bone tissue thickness. 
However, with increasing thickness of the bone tissue, the 
specific surface area (S0) available for bone regeneration 
changes, rendering this linear relationship inapplicable. For 

this reason, we first adjusted structural porosity to derive 
the corresponding bone regeneration thickness, thereby estab‐
lishing the porosity–tissue thickness relationship. Through 
parameter modulation, the uniform thickening of bone tissue 
was achieved.

2.3　Geometric characteristics

In architecturally complex scaffolds, staged 40 μm augmen‐
tations in the orthogonal dimension constrain pore size 
while modulating bone volume fractions. Through precise 
geometric segmentation, we dynamically tracked parameter 
shifts across different time spans, investigating the impact 
of size scaling parameters on bone regeneration at the 
bone–implant interface (Fig. 2a).

2.4　Mechanical and mass transport 
properties

Given that elastic compatibility with the host bone is a fun‐
damental requirement for porous implants [34], the me‐
chanical properties of the fabricated scaffolds were charac‐
terized. Uniaxial compression tests (E10000, Instron, USA) 
were performed following the ISO 13314 standard at a dis‐
placement rate of 0.5 mm/min [35]. The elastic modulus (E) 

Fig. 1  Design of porous structures and modeling of bone regeneration volume. Designed (a) and fabricated (b) samples with 1.5–3.0 mm unit 
cell size, named M15–M30, respectively. (c) Specific surface area and pore size exhibit opposite trends with increasing unit cell size. (d) At the 
bone–implant interface, newly formed bone tissue progressively thickens and replaces the voids over time, during which the pore size gradually 
decreases. The color gradient from blue to red indicates the increase in the thickness of bone tissue. RVE: representative volume element
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was calculated as the linear-regression slope of the 
stress–strain curve, with yield stress (σ) defined at 0.2% 
plastic strain. As the present study primarily investigated 
the effects of structural scaling on the scaffold modulus, all 
test results were normalized; i.e., E=E/Em, σ=σ/σm, where 
E and σ are the normalized forms of elastic modulus and 
yield stress, respectively. Em and σm are the corresponding 
parameters of the matrix material, 1080.5 MPa and 
45.3 MPa, respectively, which were determined through the 
compressive test of dense samples (see Fig. 3a for details). 
It should be emphasized that elastic modulus matching is 
the primary requirement for bone implants. Therefore, we 
investigated how unit cell scaling affects the elastic modu‐
lus while employing normalization methods to conclusively 
prove that these effects originate from structural characteris‐
tics rather than material properties.

Considering mass transport characteristics, newly formed 
bone tissue progressively occludes the pore network, lead‐
ing to a continuous reduction in the available capacity of 
mass transfer pathways over time. We established computa‐
tional fluid dynamics (CFD) models (Abaqus 2016/CFD 
solver) for each stage, from short-term to long-term, to 

quantify the dynamic evolution of permeability. The geo‐
metric models for fluid computations were constructed by 
performing Boolean operations with solids (implants and 
bone tissues, Fig. 2b), with the employed fluid being water 
with a dynamic viscosity (μ) of 0.001 Pa⋅s and a density of 
1000 kg/m3 [36]. To avoid the boundary effect caused by 
the inlet and outlet areas, virtual fluid domains were de‐
fined on both sides. A boundary condition for permeability 
simulation with a pressure of 1 Pa at the inlet and 0 Pa at 
the outlet was applied [22]. The permeability (K) was cal‐
culated as

K= vμLf∆P , (6)

where v is the fluid velocity obtained through CFD results, 
Lf is the length of the fluid domain (6.0 mm, Fig. 2b), and ∆
P is the pressure drop between the inlet and outlet.

Referring to previous studies [22, 37], a hexahedral voxel 
mesh was used in both the mechanical and CFD models, 
and a mesh size of L/27 was adopted based on the results of 
the sensitivity analysis.

Fig. 2  Geometric feature modeling, permeability assessment, and tissue regeneration calculation process. (a) Volumetric partitioning of bone 
regeneration from short-term to long-term stages. In each stage, the bone tissue was thickened in 40 μm increments along the normal direction 
until the pore size was reduced below 400 μm. The color bar indicating bone tissue thickness is the same as in Fig. 1d. (b) CFD models for cal‐
culating permeability at different bone regeneration stages. (c) The finite element model for simulating tissue differentiation under mechanical 
stimulation. The granulation tissue undergoes transformation into bone tissue or fibrous tissue based on the local hydrostatic pressure and princi‐
pal strain derived from the tissue differentiation theory. (d) The framework for simulating tissue differentiation. FEA: finite element analysis
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2.5　Mechanoregulatory tissue differentiation

Although many studies [2, 38] have focused on the me‐
chanical properties of the porous implants, their interactions 
with the generated tissue require further investigation. 
Because of the immense computational cost, complete 
bone regeneration calculations are difficult to perform at 
the joint scale. Thus, these calculations are usually con‐
ducted locally using a representative volume element 
(RVE). Figure 2c shows the RVE from the bone–implant 
interface, which consists of a porous structure, host bone, 
and granulation tissue. Over time, the bone tissue pro‐
gressively thickened. We conducted precise modeling of 
the granulation tissue at each temporal stage and investi‐
gated the mechanical micro-environment governing its 
differentiation.

According to a previous study on total hip arthroplasty [39], 
the micromotion range of 60–150 μm was adopted as the 
boundary condition. In these finite element models, the 
bottom of the RVE was fixed, and periodic boundary con‐
ditions were applied to the side surfaces of the RVE. The 
material properties of RVE (Table 1) were obtained from 
the literature [40‒42]. The simulations were performed us‐
ing Abaqus, and the data were transferred via Python.

The computational process of tissue differentiation is 
presented in Fig. 2d. In the initial stage, the granulation tis‐
sue was divided into 27 layers (Fig. 2c). For each layer, 
the transitional layer between the previously formed bone 
tissue and granulation tissue was transformed into bone tis‐
sue and fibrous tissue (Fig. 2c) depending on the hydro‐
static pressure (p) and principal strain (ε) [43]. Specifically, 
the following tissue differentiation rules were employed:
ì

í

î

ïïïï

ï
ïï
ï

Mature bone if Ω1∈( )0.15>p>−0.15, 0.05>ε>−0.05 , 

Immature bone if Ω2∈( )0.15>p, 0.15>ε>−0.15 ,
Fibrous tissue if Ω3=Ω−Ω1−Ω2,

(7)
where Ω is the entire region with p and ε, and Ω1, Ω2, and 
Ω3 are the p and ε regions corresponding to mature bone, 
immature bone, and fibrous tissue, respectively. The mesh 

type and size of tissue differentiation simulation were the 
same as those provided in Sect. 2.4.

3　Results and discussion

3.1　Mechanical properties of scaffolds

Figure 3a shows the force–displacement curve of the dense 
compressive sample, from which the elastic modulus 
(1080.5 MPa) and yield stress (45.3 MPa) of the matrix ma‐
terial were obtained. The mass of the scaffolds was ob‐
tained through weighing (Fig. 3b) and further used to calcu‐
late the actual porosity of the samples. With the designed 
value of 65%, the actual porosity ranged from 64.43% to 
70.28%. The force–displacement curves of the four porous 
scaffolds are shown in Fig. 3c. From M15 to M30, the nor‐
malized elastic modulus (Fig. 3d) decreases from 0.068 to 
0.054, and the yield stress (Fig. 3e) declines from 0.078 to 
0.055, with discrepancies of 20.17% and 29.73%, respectively.

Although the elastic modulus of the scaffold is theoreti‐
cally determined by porosity, manufacturing deviations in‐
duced by unit cell scaling can lead to discrepancies [30]. 
Consistent with our findings, previous studies reported that 
an increase in the unit cell size of pure titanium scaffolds 
from 3 to 5 mm results in a decrease of 25.5% in the elastic 
modulus [44]. Additive manufacturing principles suggest 
that smaller unit cells exhibit more abrupt geometric transi‐
tions, which tend to promote material adhesion [45, 46]. 
This results in a greater effective load-bearing volume and 
consequently higher elastic modulus. It should be noted that 
the elastic moduli of the implant and host bone are consid‐
ered matching if the value for the implant falls within a spe‐
cific range, 13–30 GPa for cortical bone and 0.1–1.0 GPa for 
cancellous bone [47]. Consequently, the variation in elastic 
modulus induced by unit cell scaling in the present study 
falls within acceptable clinical tolerances and would not com‐
promise elastic compatibility. This allows the comparison of 
the biological performance characteristics of the implants.

3.2　Geometric characteristics at different stages

Over time, the bone tissue on the structural surface gradu‐
ally thickens, with larger unit cell (pore) sizes allowing pro‐
longed bone regeneration (Fig. 4a). For instance, bone re‐
generation ceases by stage 3 on M15 (pore size <400 μm) 
but continues to stage 9 on M30 (Fig. 4b). At the same time, 
the bone growth rate increases with the specific surface area 
of the implants. By stage 3, the volume fraction of bone tis‐
sue is 34.7% in the M15 group and just 24.9% in the M30 
group. However, the M30 group shows greater sustainable 
growth potential, ultimately achieving 51.1% volume frac‐
tion, significantly higher than that of M15 (Fig. 4c).

Table 1  Input material properties used in tissue differentiation models

Component

Granulation tissue
Porous implant (Ta)
Host bone
Fibrous tissue
Immature bone
Mature bone

Elastic modulus 
(MPa)
1
31 510
1700
2
1000
6000

Poisson ratio

0.167
0.34
0.3
0.167
0.3
0.3
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The computational results indicate the same trend as pre‐
vious animal experiments [25]. In animal experiments [25], 
the bone volume to total volume ratio (BV/TV) value of 
M15 was 64.4% higher than that of M25 at 4 weeks and by 
41.7% at 8 weeks. Herein, in stage 1, the BV/TV value of 
M15 exceeds that of M30 by 58.0% and by 45.3% in stage 2 
(Fig. 5).

Theoretically, a larger specific surface area promotes 
faster bone tissue growth [21]. In rabbit models at 8 weeks, 
scaffolds with a 1.5 mm unit cell size showed 41.7% greater 
bone volume than those with 2.5 mm unit cells [25]. The 
commonly observed time points [15, 17] in animal experi‐
ments (4–12 weeks) represent only short-term outcomes, 
corresponding to stages 1–3 in the present study. This 
aligns with our finding that the M15 group (small pore size/
high surface area) showed higher bone volume than M30 at 
these early stages. However, this does not validate the suit‐
ability of small-pore-size/high-surface-area implants for the 
regeneration of large-segmental bone defects or joint 
replacement. In large-segment implants, newly formed tis‐
sues rapidly occupy the bone–implant interface, impeding 

subsequent nutrient transport and deep bone ingrowth [27]. 
In fact, conventional animal experiments typically employ 
scaffolds with diameters less than 10 mm, on which this 
critical phenomenon is difficult to observe. Therefore, our 
findings indicate that although bone generation is slower in 
large pore implants due to their limited surface area, their 
structural architecture provides essential physical conditions 
for sustained, deep bone ingrowth.

3.3　Permeability at different stages

Figure 6a shows the local pressure and flow velocity from 
the representative CFD model, with velocity distributions 
visualized through cross-sectional views. Figure 6b presents 
the time-dependent CFD models of M30, indicating that the 
fluid domain space (pore size) progressively diminishes 
over time. An identical pressure drop (1 Pa) was maintained 
in all models, allowing the direct visualization of their per‐
meability through flow velocity profiles. The maximum 
flow velocity reaches 8 mm/s in M30 and only 4 mm/s in 
M15. Because of changes in pore size, flow velocity in 
M15 approaches its minimum value by stage 4, whereas in 

Fig. 3  Mechanical properties testing of samples. (a) Force–displacement curves for the dense compressive samples. (b) Mass and porosity of the 
designed and fabricated porous scaffolds. (c) Force–displacement curves for the four samples. Normalized elastic modulus (d) and normalized 
yield stress values (e) of the porous samples. Data are expressed as mean±standard deviation (n=4)
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M30, fluid flow is maintained until the final stage (Fig. 6c). 
The permeability corresponding to flow velocity also differs 
among the samples: M15 shows lower initial permeability 
(2.42×10−9 m2) that rapidly decreases below the minimum 
threshold, whereas M30 exhibits higher initial permeability 
(8.13×10−9 m2) that gradually decreases until the final stage 
(Fig. 6d). At a pore size of 400 μm, all structures show simi‐
lar permeability (0.26×10−9–0.44×10−9 m2), consistent with 
the lower permeability limit of natural human bone tissue 
(0.2×10−9–0.5×10−9 m2 [48, 49]). This finding confirms the 
400 μm pore size constraint employed herein.

Permeability, which reflects the transport capacity of nu‐
trients and metabolic waste, is positively correlated with 
pore size (D) and negatively correlated with specific surface 

area (SS). This relationship can be expressed by the Kozeny 
equation [50]:

K = 1
CK ( D3

SS ) , (8)

where CK is a constant determined by the microstructure. In 
terms of spatial distribution, pores and the solid matrix are 
interlocked with each other. Consequently, the material trans‐
port capacity (governed by porosity) competes with the me‐
chanical properties (determined by the solid material) [1, 22]. 
Previous studies have attempted to decouple these proper‐
ties or simultaneously enhance both by tailoring the micro‐
structure [21, 51]. However, these investigations focused 

Fig. 4  Evolution of geometric features during the bone regeneration process. (a) Precise spatial distribution of generated bone volume in the 
four sample groups at different stages. Changes in pore diameter (b) and volume fraction (c) of generated bone tissue
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solely on the initial state of scaffolds and did not assess 
long-term bone regeneration. Our findings reveal that dur‐
ing prolonged bone regeneration, small pores at the 
bone–implant interface are rapidly occluded, hindering 
bone ingrowth into the implant.

3.4　Mechanoregulatory tissue differentiation

Figure 7a shows the complete tissue differentiation in a rep‐
resentative RVE. Within a single stage, granulation tissue 

progressively grows from the proximal end of the host bone 
and gradually differentiates into bone tissue (mature bone 
and immature bone) and fibrous tissue (Fig. 7a). The 
thickness of the newly formed tissue progressively in‐
creases throughout the stages. Notably, the fibrous tissue, 
which cannot be reinforced or resorbed, impedes the growth 
of bone tissue [43]. First, we examined tissue differentiation 
at identical growth durations (stage 3). The distribution of 
fibrous tissue in samples under different micromotion condi‐
tions is shown in Fig. 7b. In stage 3, the proportion of 

Fig. 5  Comparison of experimental and computational results in bone regeneration. (a) Cylindrical scaffolds used in animal experiments and 
corresponding unit cell models. (b) Bone regeneration results for M15–M25 scaffolds in animal experiments (reproduced from [25], licensed 
under CC BY 4.0). (c) Comparative validation between simulation results of the present study and previous reports on bone formation in animals. 
Data are expressed as mean±standard deviation (n=6)

Fig. 6  Dynamic changes in permeability during bone regeneration. (a) Representative CFD model for pressure and fluid velocity. (b) CFD models 
for sample M30 at different stages. The same boundary conditions (inlet: 1 Pa; outlet: 0 Pa) were applied to all models. (c) Changes in fluid 
velocity across different stages. (d) The permeability of samples. All the samples exhibit similar minimum permeability, consistent with the 
lower permeability limit of natural human bone tissue (0.2×10−9–0.5×10−9 m2)
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fibrous tissue gradually increases from M15 to M30, with 
differences consistently maintained within 3.6% (Fig. 7c). 
This suggests that during the initial post-implantation pe‐
riod, the variation in mechanical stimuli caused by differ‐
ences in pore size is relatively limited.

Considering that the matrix elastic modulus of bone im‐
plants can be selectively adjusted (e.g., polyether ether ke‐
tone (PEEK), titanium alloys, and tantalum [52]), the sensi‐
tivity of tissue differentiation to elastic modulus was investi‐
gated by varying the elastic modulus of M30 specimens 
within 30–110 GPa. The results indicate that under 150 μm 
micromotion, the proportion of the fibrous tissue varies by 
merely 1.43% in specimens with different elastic moduli 
(Fig. 7d). Based on this, we concluded that within our study 
model, the elastic modulus of the material negligibly affects 
tissue regeneration. Even at the maximum modulus of 
110 GPa, fibrous tissue is formed in high-strain regions 
(>0.05), whereas the maximum hydrostatic pressure is far 

below the 0.15 MPa threshold required for the formation 
of fibrous tissue. This finding aligns with the results of pre‐
vious studies, which suggest that bone regeneration is pri‐
marily strain-driven [53‒55], supporting the mechanical 
homeostasis theory that bone resorption and reinforcement 
are governed by strain-dependent rules [56, 57].

Figure 8a presents differences in tissue differentiation 
over the entire growth cycle. As growth progresses (tissue 
thickening), the mechanical environment within the scaffold 
leads to an increase in the proportion of fibrous tissue. Spe‐
cifically, the fibrous content in newly formed tissue in later 
stages is higher than that in the early stages. Figure 8b 
shows tissue distribution across four types of scaffolds at 
the final stage (stage 9). Under the condition of 150 μm mi‐
cromotion, the proportion of fibrous tissue in M30 is consid‐
erably higher than that in M15 (0.131 vs. 0.263). Moreover, 
as the volume of newly formed tissue in M30 greatly ex‐
ceeds that in M15 (Fig. 4c), this implies that the absolute 

Fig. 7  Effect of pore diameter/surface area on the mechanical environment of tissue differentiation. (a) Complete tissue differentiation within a 
representative RVE. The fibrous tissue (b) and statistical data of samples (c) under different micromotions. The values for fibrous/generated 
tissue show a maximum variation of 5% among the samples. (d) The effect of the matrix elastic modulus on tissue differentiation. (e) Dependence 
of tissue differentiation on principal strain and hydrostatic pressure
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volume of fibrous tissue is greater in M30 than in M15. The 
detailed spatial distribution of fibrous tissue is shown in 
Fig. 8c.

Figure 8d shows tissue distribution in cross-sections of 
identical geometry for the M15 and M30 scaffolds. The 
results reveal nearly identical spatial distribution patterns of 
fibrous tissue between the two groups, with the key distinc‐
tion being that M15 exhibits only sparse fibrous regions, 
whereas M30 shows notable fibrous aggregation (Fig. 8d). 
Quantitative measurements of these high-strain regions in 
the cross-sections (Fig. 8e) show that high-strain regions oc‐
cupy only 11.6% of the cross-section in M15 and 25.2% in 
M30. This reveals that fibrous tissue formation in both scaf‐
folds is primarily driven by high-strain regions with similar 
distribution patterns, whereas the concentrated distribution 
of newly formed tissue further promotes the aggregation of 
these high-strain regions.

Figure 9a shows the RVE and the transitional layer be‐
tween the newly formed tissue and granulation tissue during 
tissue differentiation in M15 and M30 samples. Figure 9b 
presents all newly formed tissues in the samples after 

differentiation. The results indicate that samples with large 
pore size (M30) consistently exhibit clustered emergence 
of fibrous tissue formation in both transverse and longitu‐
dinal cross-sections, with a substantially higher proportion 
of fibrous tissue compared to samples with small pore size 
(M15). The above phenomenon is consistent with the re‐
sults of previous animal experiments [58]. In samples with 
pore sizes of 300–900 μm (Fig. 9c), histological staining at 
4 weeks (Fig. 9d) reveals that composite regions of fibrous 
tissue and bone tissue aggregated in areas distant from the 
host bone (blue area). Woven bone and cartilage near the 
host bone gradually transitioned into mature bone tissue, 
while the remaining blue-stained areas primarily represent 
potential fibrous tissue regions. Notably, samples with 
P900 exhibit a higher proportion of potential fibrous tissue 
than samples with P300, and this tissue is present in aggre‐
gates in the former samples. Histological sections at 
8 weeks reveal reduced impact of bone–implant interface 
micromotion on regions farther from the host bone (3–
6 mm), with fibrous tissue content being lower in these re‐
gions. However, P900 samples still exhibit more extensive 

Fig. 8  Tissue differentiation on a temporal scale. (a) Tissue differentiation in samples over the entire growth cycle. (b) Statistical data of tissue 
distribution across four types of scaffolds at the final stage. (c) Tissue distribution in samples at 150 μm micromotion (stage 9). (d) Localized 
tissue differentiation and strain distribution in M15 and M30, illustrating the mechanism through which geometric factors affect tissue differen‐
tiation. (e) Comparative analysis of strain distribution in M15 and M30 samples
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and clustered blue-stained regions (fibrous tissue) than 
P300 samples (Fig. 9e).

In summary, during the early stages of bone regenera‐
tion, the variations in mechanical stimulation induced by 
unit cell scaling were relatively minor. Thus, bone regenera‐
tion was predominantly influenced by specific surface area 
effects in these stages. For instance, a greater volume of 
bone tissue was generated on the high surface area sample 
(M15) in the early stages, which is consistent with the re‐
sults of previous animal experiments at 4–12 weeks [25, 59]. 
However, over longer periods, bone regeneration was af‐
fected not only by reduced permeability but also by the 
evolving biomechanical environment, which progressively 
favored the formation of fibrous tissue. This transition ulti‐
mately suppressed bone tissue growth.

It is well-known that human bone tissue adapts to its en‐
vironment through remodeling in response to mechanical 
stimuli [60, 61]. Although this process has been tradition‐
ally simulated at the macroscopic scale, with cancellous 
bone typically modeled as a dense solid with low modulus, 
such approaches fail to elucidate how microscopic-scale 

mechanical stimuli regulate bone regeneration and resorp‐
tion [62, 63]. Our findings indicate that with the thickening 
of new bone tissue on trabecular surfaces (or trabecular-like 
implant surfaces), the resulting biomechanical environment 
increasingly promotes the differentiation of bone tissue into 
non-resorbable fibrous tissue. This fibrous tissue effectively 
inhibits further thickening, thereby maintaining a state of 
mechanical equilibrium while simultaneously preserving 
physical space for mass transport.

It is worth noting that the findings of the present study 
are applicable only to non-degradable materials. The design 
of biodegradable implants is more complex, as the degrada‐
tion of their matrix materials must be synchronized with tis‐
sue growth [64‒66]. Regarding structural factors, specific 
surface area (SS) is the most critical factor governing the 
degradation of metallic scaffolds. Porous scaffolds exhibit 
considerably higher corrosion rates than bulk metals because 
of their increased contact area with corrosive media [67]. 
This implies that the degradation rate of materials with exces‐
sively rapid degradation (Mg-based and Zn-based [68, 69]) 
can be moderated by enlarging unit cell dimensions to 

Fig. 9  Comparison of tissue differentiation between the simulation and experiment. (a) Transitional layer between newly formed tissue and 
granulation tissue in simulated tissue differentiation. (b) Newly formed tissues in samples after differentiation simulation. (c) The geometry sec‐
tion of samples with 300–900 μm pore size in animal experiments (reproduced from [58], with permission from Elsevier B.V.). Non-decalcified 
histologic sections of cylindrical porous titanium implants implanted into rabbit tibia at 4 (d) and 8 (e) weeks. The reference for the scale cited 
at the left-hand edge of each image is the distance between the porous structure and the host bone. Staining: Stevenel’s blue and Van Gieson’s 
picrofuchsin. Yellow arrow: generated tissue; Red arrow: potential area with emerging fibrous tissue aggregation; Purple: bone tissue; Blue: 
fibrous tissue and immature bone tissue
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reduce surface area, while thickened pore walls can main‐
tain the mechanical stability of the scaffold over an ex‐
tended period. For materials with lower degradation rates 
(Fe-based [70]), the reduction of unit cell size (high SS) can 
accelerate material degradation. Beyond the SS of the mac‐
rostructure, the degradation rate of scaffolds can also be 
regulated through several independent approaches, such as 
the modification of surface roughness [64] and the introduc‐
tion of inherent micropores [71] within struts. These meth‐
ods effectively increase surface area at microscopic scales.

Lattice-driven, nature-inspired, and biomimetic porous 
materials have attracted notable attention because of their 
intriguing geometric connections and attractive physical 
properties [12, 72‒74]. However, the properties of porous 
biomaterials, such as elastic modulus, permeability, yield 
strength, manufacturability, anisotropic design, and gradient 
design, have already been investigated. In our opinion, the 
next step in the microdesign of bone repair implants is the 
elucidation of interactions between bone and tissue regen‐
eration, such as tissue differentiation and remodeling, as 
well as the investigation of cellular and tissue responses to 
quantifiable mechanical stimuli.

4　Limitations

Herein, uniform-thickness bone regeneration was em‐
ployed as a proxy for temporal progression, which might 
deviate from actual bone regeneration. While prior 
studies [15, 25, 59] have demonstrated significant effects 
of local geometry on cell adhesion, cell migration, and tis‐
sue regeneration, this study focused primarily on the long-
term effects of geometric parameters (pore size, surface 
area) rather than on simulating realistic bone regeneration. 
Consequently, this approximation does not compromise the 
validity of our conclusions. Additionally, the findings ob‐
tained herein are applicable to the bone–implant interfaces 
in artificial joints or large-segment bone defects. Smaller 
bone scaffolds facilitate rapid full-volume bone regenera‐
tion and do not require deep bone ingrowth. Finally, 
400 μm was assumed as the lower limit for pore size, as 
this assumption was validated from both permeability and 
mechanobiological perspectives. Although pores smaller 
than 400 μm can still facilitate osseointegration [17], such 
pores are typically employed for surface bone regeneration 
(e.g., coatings) and are not designed for long-term, deep 
bone ingrowth.

5　Conclusions

Herein, we simulated the dynamic interactions between the 
pore size/surface area of bone implants and generated bone 

tissue across multiple temporal scales, using precisely parti‐
tioned spatial volumes. The samples with a high specific 
surface area (SS) facilitated the rapid formation of new 
bone tissue during the early implantation stage. However, 
their smaller pores tended to cause occlusions, hindering 
further tissue development. In contrast, although low-Ss 
samples exhibited slower bone regeneration, their larger 
pores were found to provide adequate physical space for tis‐
sue regeneration and mass transport, ultimately promoting 
bone formation in the long term. From a mechanobiological 
perspective, as time progresses (and tissue thickness in‐
creases), the mechanical environment of the newly formed 
tissue tends to promote the formation of fibrous tissue, 
thereby inhibiting the generation of additional bone mass. 
This suggests that the mechanical environment maintains a 
trade-off between bone regeneration and pore size, ensuring 
adequate space for mass transport over the long term.
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