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A B S T R A C T

Precise characterization of biomechanical properties at the micro- and nanoscale is essential for developing 
biomaterials for tissue engineering, regenerative medicine, and drug delivery. Traditional bulk techniques fail to 
capture the local mechanical heterogeneities of soft materials such as hydrogels, polymers, and biological tissues. 
Atomic force microscopy (AFM) nanoindentation enables high-resolution stiffness mapping under near- 
physiological conditions; however, the standard Hertz model assumes purely elastic behavior, overlooking the 
viscoelastic nature of most biological systems. This study relies on established viscoelastic models to better 
interpret rate-dependent mechanical responses in AFM nanoindentation experiments. Force-displacement curves 
were analyzed to separate elastic and viscous contributions and account for the effect of indentation speed. 
Experiments on four hydrogels (alginate, Cellink-RGD, GelMA, GelMA A) revealed nonlinear stiffening trends 
with increasing indentation rate, associated with polymer network dynamics and crosslinking density. Additional 
analyses on erythrocytes and zona pellucida confirmed their complex viscoelastic responses, highlighting 
physiological and pathological differences in cells and species-specific behavior in reproductive structures. Our 
approach provides a simple and effective method to predict nanoscale stiffness as a function of indentation rate, 
improving accuracy in nanomechanical characterization and supporting the design of advanced bioengineered 
constructs.

1. Introduction

The precise characterization of biomechanical properties is crucial 
for the development of advanced 3D bioprinted constructs for biomed
ical applications, including tissue engineering, regenerative medicine, 
and drug delivery systems [1–4]. These materials are designed to 
replicate the complex mechanical microenvironments of native tissues, 
where subtle differences in local stiffness can profoundly influence cell 
behavior, including adhesion, proliferation, and differentiation [5–7]. 
Therefore, accurate measurement of biomechanical parameters such as 
Young’s modulus at the micro- and nanoscale is essential to ensure their 
functional performance.

Conventional bulk testing methods, such as uniaxial compression or 
rheometry, provide macroscopic information but lack the spatial reso
lution needed to capture local mechanical heterogeneities within soft or 
microstructured materials. These local variations are particularly 

relevant in hydrogels and polymer networks that often exhibit micro
scale gradients in crosslinking density, porosity, or hydration. Further
more, bulk methods generally require larger sample volumes, which can 
be impractical when dealing with microscale hydrogels, thin polymer 
films, or tissue-engineered constructs [8].

To overcome these limitations, microscale and nanoscale techniques 
such as atomic force microscopy (AFM) nanoindentation [8,9], optical 
tweezers [10], and magnetic bead microrheometry [11] have been 
developed to probe local mechanical properties under 
near-physiological conditions. Among these, AFM nanoindentation has 
emerged as a robust and versatile tool, enabling high-resolution map
ping of local stiffness while simultaneously acquiring topographical in
formation [12,13]. Its precise force control and broad range of 
measurable forces and indentation depths make it particularly well 
suited for characterizing soft and biological materials [14,15].

In AFM experiments, the elastic properties of materials are 
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commonly evaluated by analyzing force–displacement curves using the 
Hertz contact model applied to the approach segment of the curve [16]. 
This yields an apparent Young’s modulus under the assumption that the 
material behaves as a purely elastic, isotropic, and homogeneous solid. 
However, most hydrogels, polymers, and biological samples are inher
ently viscoelastic [17]. This viscoelasticity is evidenced by hysteresis 
between the approach and retraction curves, a clear dependence of the 
apparent modulus on indentation speed, and phenomena such as stress 
relaxation and creep. These factors violate the assumptions of purely 
elastic models and can lead to significant misinterpretation of the me
chanical behavior of the samples if viscoelastic effects are not properly 
accounted for.

Despite growing awareness of these limitations, a standardized 
framework to extract the intrinsic elastic modulus from force
–displacement curves is still lacking [13,18,19]. To address this gap, we 
propose two simple models that enable the decoupling of elastic and 
viscous contributions directly from standard AFM nanoindentation data. 
The first is based on the standard linear solid (SLS) model, which 
effectively captures both stress relaxation and creep, making it suitable 
for describing viscoelastic materials that exhibit a balance of elastic and 
viscous contributions. The second employs a linear Voigt model, which 
accounts for creep effect in materials, as it captures time-dependent 
strain under constant stress but does not describe stress relaxation. By 
applying these models, it becomes possible to correct the apparent 
Young’s modulus derived from the Hertz analysis, thereby providing a 
more accurate estimation of the actual elastic modulus of viscoelastic 
materials.

2. Materials and methods

2.1. Viscoelastic models

Hertz contact model relies on some assumptions: (i) the investigated 
material is elastic, isotropic, and homogeneous, (ii) the indentation 
depth is negligible compared to sample dimensions, and (iii) no adhe
sion or friction between tip and sample. Sneddon model extended Hertz 
model to non-spherical tips (e.g. conical tips), assuming a homoge
neously distributed stress along the material with a force following the 
equation: 

F=E ⋅
2 tan(θ)
π(1 − υ2)

⋅δ2 (1) 

where F is the indentation force, E is the Young’s modulus, θ is the half- 
opening tip angle, υ is the Poisson’s ratio, and δ is the indentation depth.

To model viscoelastic indentation, several models have been pro
posed but none of them accounts for shear rate indentation [20–23]. In 
this work, we take this variable into account by assuming initially that 
the material locally behaves according to two different models: (i) 
Kelvin-Voigt model and standard linear solid (SLS) model.

2.1.1. Kelvin-Voigt assumption
In the linear Kelvin Voigt model, the material response is modelled 

by a spring and a dashpot in parallel (Fig. 1(a)), so that the total stress σ 
follows the equation [24]: 

σ(t)=E⋅ε(t) + η⋅
dε(t)

dt
(2) 

where η is the viscosity of the material, ε is the normal strain. The second 
term of Eq. (2) represents the viscous resistance to the strain rate. Under 
the same Sneddon hypotheses for non-spherical tips, the area is 
quadratically proportional to δ. The resulting viscous force becomes: 

Fvisc(δ)=
2 tan(θ)
π(1 − υ2)

⋅
η⋅r
L

⋅δ2 (3) 

in which L is the maximum indentation depth and r is the indentation 
rate. Therefore, the total indentation force is the sum of the elastic term 
from Eq. (1) and the viscous term from Eq. (3). 

F(δ)=
2 tan(θ)
π(1 − ν2)

(
E+

η
L

⋅ r
)

⋅δ2 (4) 

From Eq. (4), we define the apparent Young’s Modulus: 

Eapp(r)= E0 +
η
L

⋅r (5) 

where E0 is the Young’s Modulus for very low indentation rates. Eq. (5)
provides a linear dependence of the apparent modulus as a function of 
strain rate, as long as (i) deformations are small (i.e. δ≪Rc the charac
teristic radius of the object) and (ii) the strain field u(z, t) ∼ u(z) is time 
independent.

2.1.2. Standard linear solid assumption
A more exhaustive model that accounts for the nonlinear behavior of 

viscoelastic materials under specific stimulus is the SLS model, consist
ing of a series of dashpot and spring in parallel with another spring 
(Fig. 1(b)). The corresponding constitutive equation is [25]: 

σ(t)=E0ε(t) + σM(t) (6) 

where E0 is the stiffness of the parallel spring and σM is the stress 
experienced by the dashpot and spring in series, coming from: 

dεM

dt
=

1
E1

dσM

dt
+

σM

η (7) 

in which E1 is the stiffness of the spring in series. Combining Eq. (6) with 
Eq. (7), the constitutive equation for the SLS model is: 

σ̇ +
E1

η σ(t)= (E0 +E1) ε̇ + E0E1

η ε(t) (8) 

whose solutions depend on the applied stimulus (e.g., creep test or 
stress relaxation test). Nevertheless, these solutions do not exhibit 
explicit dependence on the strain rate. Some models have been proposed 
to extend SLS model to strain rate sensitivity [25,26]. However, they 
need pre-existing knowledge on creep and relaxation constants not 
easily deductible, and are not inherently applicable for nanoindentation 
characterization.

In this regard, we build upon the SLS model, analyzing two limit 
conditions: (i) τ≫τc in which the viscous behavior is predominant with 
respect to the elastic one, (ii) τ≪τc in which the solid-like behavior 

Fig. 1. Scheme of (a) Kelvin-Voigt model consisting of dashpot (red element) and spring (yellow) in parallel, and (b) SLS model consisting of a spring (orange) in 
parallel with a spring (yellow) and a dashpot (red) in series.
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dominates over the viscous response, being τ the dashpot relaxation time 
of the SLS model and τc = L/r the characteristic relaxation time of the 
material. If the material is loaded much faster than it can relax, the 
spring fully contributes to the response (E ∼ E0 + E1). In contrast, if the 
loading is very slow, the Maxwell branch has sufficient time to flow, and 
its elastic contribution vanishes (E ∼ E0).

Therefore, we propose a simple solution for the apparent modulus 
that satisfies both its asymptotical behaviors: 

Eapp(r)= E0 +
E1⋅η∗⋅r

E1⋅L + η∗⋅r
(9) 

where E0 represents ideally the intrinsic stiffness of the material, 
remaining even after viscous contribution is over, E1 the transient elastic 
modulus, representing the time-dependent molecular chains contribu
tion, and η∗ the effective viscosity.

2.2. Constructs fabrication

GelMA, GelMA A, Cellink-RGD, and alginate were purchased from 
Cellink (CELLINK®, Gothenburg, Sweden). A volume of 20 μL of each 
gel was drop-casted in a Petri Dish. Alginate and Cellink-RGD (alginate 
covalently conjugated with RGD, the cell-attachment peptide sequence, 
and nanofibrillated cellulose) were crosslinked using a solution of CaCl2 
(3 % w/v) for 5 min, GelMA (gelatin methacrylated) was crosslinked 
using 405 nm UV light for 60 s, whereas GelMA A (a blend of GelMA and 
alginate) was crosslinked using sequentially both protocols. After 
crosslinking, all the droplets were incubated in distilled water overnight 

at room temperature.

2.3. Nanoindentation testing

In a standard AFM indentation experiment, a cantilever equipped 
with a specifically shaped tip approaches the sample surface at a 
controlled velocity. The cantilever indents the sample until a set 
maximum force is achieved, after which it retracts, detaching from the 
surface. During this process, the cantilever deflection and displacement 
are recorded and analyzed to determine the sample mechanical prop
erties. Typically, the apparent Young’s modulus can be retrieved from 
the force-indentation curve.

In this work, we used Nanowizard II AFM (JPK Instruments), 
equipped with tips (HQ:CSC37/No Al, MikroMasch) with a nominal 
spring constant of 0.3 N/m, tip radius of 8 nm and cone angle of 40◦

(Fig. 2(a)). Such a sharp tip allowed us to probe sample at the nanoscale, 
enabling detection of local mechanical variations with high spatial 
resolution. The spring constant was carefully determined by thermal 
calibration in distilled water before each measurement. Force curves 
were acquired with a 5.5 nN force limit and different indentation speeds 
from 0.5 μm/s to 15 μm/s with a maximum indentation depth of 5 μm 
keeping the samples in distilled water and in a controlled environment. 
A total of 64 measurements were made in a 10 μm × 10 μm square 
matrix per each condition.

The Young’s Modulus was retrieved using JPK Data Processing 
software, fitting each force distance curve with Hertz-Sneddon model, 
assuming a Poisson ratio of 0.33, a value commonly used for hydrogels 

Fig. 2. (a) Sketch of AFM cantilever equipped with conical tip probing a generic hydrogel. Representative (b) force-indentation curves and (c) apparent Young’s 
modulus distributions measured by probing alginate, Cellink-RGD, GelMA, and GelMA A constructs with a conical tip at different indentation rates. Apparent Young’s 
modulus distributions in panel (c) were fitted using Lorentzian functions over 64 measurements.
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and soft biomaterials in the literature. This assumption is consistent with 
previous reports on alginate- and gelatin-based hydrogels, which typi
cally exhibit Poisson’s ratios in the range of 0.2–0.4 [27–30]. For each 
condition, the frequency distribution is fitted with Lorentzian curve and 
the peak represent the values of the Young’s modulus. Stiffness as a 
function of the indentation rate was plotted using the software Graph
Pad Prism 9 (GraphPad Software, San Diego, CA, USA), and the curves 
were fitted with a non-linear fit, with Eq. (5) and Eq. (9).

2.4. Rheology testing

Rheological measurements were carried out using a controlled-stress 
rheometer (MARS 60, HAAKE GmbH, Germany) equipped with a par
allel plate-plate geometry (25 mm diameter, Fig. 4(j)). Hydrogel samples 
were prepared by extrusion into circular molds (25 mm in diameter, 1 
mm thickness) and crosslinked according to the protocol described in 
Section 2.2. Prior to testing, samples were equilibrated at 25 ◦C. 
Amplitude sweep tests were performed at oscillation frequency 1 Hz to 
retrieve the linear viscoelastic region (LVR) of each formulation within a 
strain (γ) range of 0.01–10. Frequency sweep tests were performed in the 

Fig. 3. Apparent Young’s modulus of (a) alginate, (b) Cellink-RGD, (c) GelMA, and (d) GelMA A as a function of indentation rate. The solid lines represent the 
estimated values of the apparent Young’s modulus over 64 measurements, whereas the shaded areas the corresponding standard deviations. The data were fitted 
using Eq. (9) (dashed black lines). (e) Transient elastic moduli and (f) effective viscosities of the investigated hydrogels.
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range of 0.1–10 Hz under oscillatory mode at constant strain according 
to LVR results (alginate γ = 0.005, Cellink-RGD γ = 0.01, GelMA γ =
0.01, GelMA A γ = 0.01) to determine the viscoelastic properties of the 
hydrogels.

3. Results and discussion

3.1. Nanomechanics of biomedical relevant hydrogels

To evaluate the time-dependent mechanical response of the tested 
biomaterials, AFM nanoindentation was performed at varying indenta
tion speeds, ranging from 0.5 μm/s to 15 μm/s. Representative force
–displacement curves for each biomaterial—alginate, Cellink-RGD, 
GelMA, and GelMA A—are shown in Fig. 2(b). In all cases, the inden
tation profiles exhibit characteristic viscoelastic features, most notably 
hysteresis between the approach and retraction segments of the curves. 
For all materials tested, a clear trend emerges: hysteresis decreases with 
increasing indentation speeds, whereas at lower indentation speeds, 
viscous dissipation dominates.

To further elucidate the viscoelastic behavior of the investigated 
hydrogels, we analyzed the distributions of Eapp. The apparent stiffness 
was calculated from the approach curve as described in Section 2.3, and 
the resulting distributions were fitted with Lorentzian functions to 
extract the peak modulus (Fig. 2(c)). The sharpness of the Lorentzian 
peaks suggests good mechanical homogeneity of all the samples. The 
Lorentzian width provides a useful indicator of mechanical heteroge
neity at the microscale, which is critical for applications such as tissue 
engineering, where local stiffness gradients can influence cell behavior 
[31].

In all gels, we observed a nonlinear monotonic increase of the 
Young’s modulus as a function of the indentation rate (Fig. 3), with an 
asymptotic behavior, indicating a transition from time-dependent 
(viscoelastic) to time-independent (elastic) mechanical response as the 
probing speed increases. In particular, the nonlinear increase is ascrib
able to different polymer dynamics: at low indentation rates, curves are 
steeper because the polymer network has time to rearrange under load, 
whereas, at higher rates, the network is probed on timescales shorter 
than its relaxation time (Fig. 3(a)–(d)). In addition, the parameter E1 

Fig. 4. Storage modulus (G′) and loss modulus (G″) as a function of strain at constant frequency of 1 Hz for (a) alginate, (b) Cellink-RGD, (c) GelMA, and (d) GelMA A 
hydrogels. Vertical dashed lines indicate the limits of the LVR. Storage modulus (G′), loss modulus (G″), complex viscosity (η*), and phase angle (δ) as a function of 
oscillation frequency at constant strain for (e) alginate, (f) Cellink-RGD, (g) GelMA, and (h) GelMA A. (i) Storage moduli fitted with SLS model (Eq. (9), dashed black 
lines). For clarity of comparison, data corresponding to GelMA are reported with respect to the right y-axis. (j) Schematic representation of the oscillatory plate–plate 
setup used for rheological measurements.
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from Eq. (9), reflecting the magnitude of rate-dependent stiffening, 
varies substantially across materials. Specifically, it exhibits the lowest 
values in alginate and pure GelMA, and the highest in RGD and GelMA A 
(Fig. 3(e)), thereby highlighting how network composition and rein
forcement (e.g., via nanocellulose or crosslink density) modulate 
viscoelastic behavior.

The mechanical behavior of alginate is explained by its structure 
composed of β-D-mannuronic acid (M units) and α-L-guluronic acid (G 
units) arranged in varying sequences along the chain [32]. Its mechan
ical strength arises from ionic crosslinking, so its behavior depends on G: 
M ratio and its topology [33]. Regarding GelMa composition, its struc
ture is a crosslinked polymeric network via photopolymerization of 
methacryloyl groups grafted onto gelatin chains. The network is stabi
lized by both covalent (chemical) crosslinks and reversible physical in
teractions (e.g., hydrogen bonding, chain entanglements), especially 
when interpenetrating polymer networks or additional physical cross
linkers are present [34]. GelMa exhibits both a micro arrangement of the 
polymer network and a fluid flow (poroelasticity) with the porous 
structure, more pronounced in softer gels with larger pores [35]. The 
addition of nanocellulose and RGD sequence in alginate (Cellink-RGD) 
leads to a 17-fold stiffening (Fig. 3(e)) while maintaining the same 
nonlinear shape, due to the reduction of the free volume between algi
nate polymer chains and physical interpenetration of nanocellulose 
[36]. Counterintuitively, we observed a 34-fold increase of stiffness even 
in GelMA A (Fig. 3(e)) in which alginate should weaken the GelMA 
structure. This is due to the physical and chemical crosslinkings that 
caused a synergistic effect on both macromolecular chains [37].

Nanoindentation-derived effective viscosity values for the four 
hydrogels reveal clear trends that correlate with stiffness and network 
structure. Notably, alginate and pure GelMA (gelatin methacryloyl) 
show the lowest effective viscosities, whereas Cellink-RGD and GelMA A 
exhibit the highest (Fig. 3(f)). This means that the reinforced or more 
highly crosslinked networks in Cellink-RGD and GelMA A not only are 
stiffer but also dissipate more energy through viscous mechanisms than 
the softer alginate or GelMA. In fact, a positive correlation between 
apparent stiffness and effective viscosity was observed: as the hydrogels 
stiffen, their effective viscosity increases. Mechanistically, higher vis
cosity in these hydrogels reflects greater viscoelastic energy dissipation 
(e.g., from polymer chain motion, bond break/reform events, and in
ternal friction [38]) during indentation. This makes sense because a 
densely crosslinked or reinforced polymer network resists rapid defor
mation – effectively “freezing” the structure at high loading rates – and 
in doing so, it converts more input energy into dissipative losses (viscous 
drag) rather than purely elastic storage. In contrast, a more loosely 
crosslinked hydrogel like alginate can rearrange its polymer chains more 
readily under stress, leading to lower viscosity and a more purely elastic 
response at the nanoscale [39,40].

3.2. Macrorheology characterization

Preliminary amplitude sweep tests were performed at a constant 
frequency of 1 Hz to assess the viscoelastic response of the hydrogels 
(Fig. 4(a)–(d)). For each formulation, the highest strain value within the 
LVR was identified and selected for subsequent frequency sweep mea
surements. In the frequency sweep tests, all hydrogel formulations 
exhibited the typical viscoelastic behavior characterized by a monotonic 
increase in both the storage (G′) and loss (G″) moduli as a function of 
frequency (Fig. 4(e)–(h)). The storage moduli of alginate, Cellink-RGD 
and GelMA A were accurately fitted using the SLS model, which effec
tively captured the transition from a viscous-dominated regime at low 
frequencies (<1 Hz) to an elastic-dominated regime at higher fre
quencies. For these hydrogels, the phase angle (δ) decreased with 
increasing frequency, indicating reduced viscous dissipation and the 
predominance of elastic network dynamics (Fig. 4(e),(f),(h)). In 
contrast, GelMA exhibits only a gradual increase in both G′ and G″ across 
the entire frequency range, resulting in an almost frequency- 

independent phase angle. These findings confirm that the selected 
viscoelastic model reliably describe the rheological behavior of the 
hydrogels under oscillatory loading, highlighting frequency-dependent 
stiffening associated with polymer chain dynamics and crosslinking 
density. It should be emphasized that these rheological measurements 
were performed at the macroscopic scale. Although differences in ab
solute values arise from distinct experimental conditions, a consistent 
trend was observed across all hydrogels (Fig. 3(a)–(d) and Fig. 4(i)): 
stiffness increased with rising probing frequency or oscillation rate, 
reflecting common viscoelastic mechanisms. This consistency across 
scales reinforces the robustness of the proposed viscoelastic modeling 
approach in capturing the intrinsic polymer network dynamics of the 
investigated gels.

3.3. Biomechanical characterization of ex-vivo biological tissues

3.3.1. Healthy and pathological erythrocytes
We have previously demonstrated through AFM nanoindentation 

experiments (Fig. 5(a)) that erythrocytes exhibit rate-dependent me
chanical responses, confirming their complex viscoelastic nature [41]. 
Specifically, increasing the indentation rate results in a higher reaction 
force Fig. 5(b), reflecting the role of dissipative processes alongside the 
elastic response of the spectrin network. In addition, erythrocyte stiff
ness is not spatially homogeneous, but reflects the intrinsic heteroge
neity associated with their biconcave morphology. Comparative studies 
on healthy and pathological erythrocytes show that the latter tend to be 
stiffer, especially at intermediate indentation rates of 2–15 μm/s Fig. 5
(c), indicating a reduced ability of the cytoskeletal network to rearrange 
under stress. At higher rates, the difference narrows as both healthy and 
pathological erythrocytes reach a similar asymptotic stiffness, high
lighting the dominance of elastic effects at those time scales.

Under physiological conditions, erythrocytes repeatedly undergo 
large and reversible deformations as they navigate narrow capillaries 
and interendothelial slits [42]. Their mechanical flexibility stems from 
the composite architecture of their membrane, which behaves as a 
polymer-like structure composed of a fluid phospholipid bilayer coupled 
to an underlying two-dimensional spectrin-actin cytoskeletal network 
[43]. The cytoskeleton forms a quasi-polymeric meshwork, imparting 
the membrane with shear elasticity and resilience against mechanical 
stress [44]. The lipid bilayer primarily governs bending rigidity and 
preserves membrane surface area, whereas the spectrin network — ar
ranged in a hexagonal lattice cross-linked by short actin filaments — 
provides the primary in-plane elastic response. This hierarchical orga
nization ensures the discoid shape, high deformability, and viscoelastic 
behavior that characterize healthy erythrocytes [45]. In various patho
logical conditions, such as diabetes mellitus, hypertension, arterioscle
rosis, and coronary artery disease, the structural integrity and dynamic 
rearrangement of the cytoskeletal network are compromised [46]. Al
terations in spectrin phosphorylation, oxidative damage, or changes in 
membrane lipid composition can stiffen the membrane, reducing its 
deformability and consequently increasing microvascular flow resis
tance [47].

To quantitatively describe the rate-dependent mechanical response 
of healthy and pathological erythrocytes, we fitted experimental data 
retrieved from Ref. [41] using Eq. (9). In these experiments, the 
indentation depth was set to 200 nm to minimize substrate effects. 
Pathological erythrocytes showed higher stiffness than healthy eryth
rocytes in the range 2–10 μm/s, whereas at larger indentation rates no 
significant changes are detected between healthy and pathological ones. 
Our model accounts for both the elastic and viscous responses of the 
erythrocyte membrane and cytoskeletal network, which together exhibit 
complex quasi-polymeric behavior under deformation. Generally, a 
higher effective viscosity typically correlates with a greater ability to 
dissipate energy and a more pronounced rate-dependent stiffening: Cells 
resist fast deformation and show higher forces at higher strain rates due 
to internal friction as observed in diabetic erythrocytes (Fig. 5(d) and 
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(e)), where increased membrane/cytoskeletal viscosity accompanies 
increased stiffness and loss of deformability [41]. In contrast, a lower 
effective viscosity implies a more elastic-dominated behavior – the 
material stores and releases mechanical energy more efficiently with 
minor loss, responding more immediately to stress. This is the case of 
healthy erythrocytes (Fig. 5(e)) that tend to be more compliant with 
faster stress relaxation, which can be advantageous for flexibility and 
resiliency [48].

3.3.2. Porcine and equine zone pellucida
The mechanical response of the zona pellucida (ZP) plays a crucial 

role in the mammalian fertilization process, including sperm binding 
and the prevention of polyspermy [49]. The ZP exhibits species-specific 
mechanical properties, which may contribute to differences in poly
spermy rates and fertilization mechanisms across species. The compo
sition of the ZP varies across species; for example, in mammals, it is 

primarily composed of sulfated glycoproteins that assemble into long 
fibrils, forming a three-dimensional extracellular network [50,51]. Un
derstanding the mechanical behavior of ZP polymeric structure across 
different species is essential to elucidate its biological role in sperm–ZP 
interactions [52,53].

To better understand this mechanical response, we previously 
investigated the ZP of porcine and equine species using AFM nano
indentation [54]. Our findings demonstrated that the ZP acts as a 
viscoelastic polymer. Indeed, by increasing the indentation rate from 
0.5 μm/s to 10 μm/s, we observed a comparable increase of the apparent 
elastic modulus for both species, approximately 5.3-fold for porcine 
(Fig. 6(a)) and 5-fold for equine (Fig. 6(b)), with an absolute value of the 
maximum apparent modulus significantly higher for porcine (160 kPa) 
compared to equine (15 kPa). Both the ZP tissues showed a linear 
dependance with indentation rate without approaching an asymptotic 
value up to 10 μm/s. This is coherent with typical penetration speeds of 

Fig. 5. (a) Sketch of AFM cantilever tip probing an erythrocyte. The inset shows the scheme of SLS model used to fit experimental data. Apparent Young’s modulus of 
(b) healthy and (c) pathological erythrocytes as a function of indentation rate. The experimental data were retrieved from Ref. [41]. The solid lines represent the 
average Young’s modulus, whereas the shaded areas the corresponding standard deviations. The data were fitted using Eq. (9) (dashed black lines). (d) Transient 
elastic moduli and (e) effective viscosities of healthy and pathological erythrocytes. Statistical significance was evaluated using unpaired t-test (not significant (n.s.) p 
> 0.05; *p < 0.05; **p < 0.01; ***p < 0.001).
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spermatozoa (25–50 μm/s) as an asymptotic value (at speeds lower than 
10 μm/s) would have a negative impact on fertilization process due to 
the ZP hardening [55]. Therefore, to fit this curve we used Eq. (5) in 
which the elastic term is not predominant.

Notably, the apparent stiffness of porcine ZP is approximately 10 
times higher than equine at the same indentation speeds, implying a 
stronger polymer network in porcine ZP (Fig. 6(a)–(c)). Yet both ZP 
types rely heavily on viscous damping: Papi et al. [54] found that 
viscous forces are predominant in the mechanical resistance of ZP. In 
other words, a significant portion of the force resisting indentation is due 
to time-dependent, dissipative processes (e.g., molecular rearrange
ments, fluid movement within the glycoprotein mesh), rather than 
purely elastic spring-back. The higher effective viscosity of the porcine 
ZP (consistent with its stiffer network) suggests it dissipates energy over 
longer timescales (Fig. 6(d)), which may help prevent sudden failure or 
cracking of the matrix under rapid loads (such as sperm impact). The 
equine ZP, while softer, still displays considerable viscous behavior 
(Fig. 6(d)) – its modulus rises with loading rate in parallel with porcine 

ZP.

4. Conclusions

The proposed approach offers several advantages: it is simple to 
implement using standard AFM datasets, requires no additional complex 
equipment or prolonged measurements, and delivers reliable estimates 
of the intrinsic elastic modulus while accounting for viscous contribu
tions. These features make the method particularly suitable for rapid 
screening of soft biomaterials and biological structures, where time- 
dependent mechanical properties are critical for functionality. Typi
cally, AFM-based stiffness measurements rely on quasi-static indenta
tion speeds to minimize viscous effects, which makes the process time- 
consuming and limits throughput. In contrast, our method enables the 
characterization of material properties across a range of indentation 
rates, reducing acquisition time while still capturing both elastic and 
viscous behavior. Importantly, this approach facilitates the disentan
glement of the material intrinsic stiffness from artifacts introduced by 

Fig. 6. (a) Sketch of AFM cantilever tip probing an oocyte. The inset shows the scheme of Kelvin-Voigt model used to fit experimental data. Apparent Young’s 
modulus of (b) porcine and (c) equine zone pellucida as a function of indentation rate. The experimental data were retrieved from Ref. [54]. The solid lines represent 
the average Young’s modulus, whereas the shaded areas the corresponding standard deviations. The data were fitted using Eq. (5) (dashed black lines). (d) Transient 
elastic moduli and (e) effective viscosities of porcine and equine zone pellucida. Statistical significance was evaluated using unpaired t-test (not significant (n.s.) p >
0.05; *p < 0.05; **p < 0.01; ***p < 0.001).
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the probing method—an essential step when designing constructs that 
aim to mimic the mechanical behavior of living tissues [56].

However, some limitations must be considered. Firstly, the approach 
assumes small deformations and ideal contact conditions, which may 
not fully represent the complex geometry or heterogeneity of biological 
samples. Secondly, the models used—while effective for the tested 
materials—are simplified representations that may not capture non
linearities or multiscale dynamics in highly heterogeneous or aniso
tropic systems. Thirdly, the ability to discriminate between the two 
viscoelastic models requires measurements at multiple indentation 
rates—at least three rates are needed to validate the apparent stiffness 
trend, especially for novel or poorly characterized biomaterials. In 
addition, accurate prediction still relies on high-quality AFM force 
curves, meaning that experimental variability or tip-sample adhesion 
can influence results. Finally, while effective in characterizing visco
elastic behavior, it remains unclear how cell–ECM interactions modulate 
the effective viscosity at the microscale, suggesting that further inte
gration of biological complexity is needed to fully understand and 
replicate native tissue mechanics [31].

Future work should focus on refining the models to integrate 
poroelastic effects and structural anisotropy, as well as validating the 
method across a wider range of biological and engineered systems. 
Despite these challenges, this study provides a practical and robust 
framework for nanoscale biomechanical characterization, bridging a 
critical gap between complex rheological analyses and high-resolution 
AFM measurements. For instance, more complex biological systems, 
such as 3D cell-laden scaffolds and organoids, should be tested where 
multiscale heterogeneity and fluid interactions play a significant role. 
Incorporating poroelastic and nonlinear viscoelastic models could 
further improve accuracy. Additionally, coupling AFM with comple
mentary techniques, such as optical or microrheology, may be useful to 
understand multiscale biomechanics and biomaterial hierarchical 
organization.
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