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A B S T R A C T   

Silica biomaterials including Bioglass offer great biocompatibility and bioactivity but fail to provide pore and 
degradation features needed for tissue engineering. Herein we report on the synthesis and characterization of 
novel amorphous silica fiber matrices to overcome these limitations. Amorphous silica fibers were fused by 
sintering to produce porous matrices. The effects of sacrificial polymer additives such as polyvinyl alcohol (PVA) 
and cellulose fibers (CF) on the sintering process were also studied. The resulting matrices formed between 
sintering temperatures of 1,350–1,550 ◦C retained their fiber structures. The matrices presented pores in the 
range of 50–200 μm while higher sintering temperatures resulted in increased pore diameter. PVA addition to 
silica significantly reduced the pore diameter and porosity compared with silica matrices with or without the 
addition of CF. The PVA additive morphologically appeared to fuse the silica fibers to a greater extent and 
resulted in significantly higher compressive modulus and strength than the rest of the matrices synthesized. 
These matrices lost roughly 30% of their original mass in an in vitro degradation study over 40 weeks. All 
matrices absorbed 500 wt% of water and did not change in their overall morphology, size, or shape with hy
dration. These fiber matrices supported human mesenchymal stem cell adhesion, proliferation, and mineralized 
matrix production. Amorphous silica fiber biomaterials/matrices reported here are biodegradable and porous 
and closely resemble the native extracellular matrix structure and water absorption capacity. Extending the 
methodology reported here to alter matrix properties may lead to a variety of tissue engineering, implant, and 
drug delivery applications.   

1. Introduction 

Bioglass is one of the widely accepted biomaterials of the 20th cen
tury [1–3]. Amorphous silica is the major constituent of Bioglass along 
with network-forming or modifying elements, such as calcium oxide 
(CaO) and phosphorous pentoxide (P2O5) [3]. Bioglass served as the first 
bioactive material, primarily due to its ability to form hydroxyapatite or 
bone mineral when exposed to simulated body fluids in vitro or 
implanted in vivo [4–6]. The major advantage of using Bioglass is its 
interaction with host tissue to promote bonding with soft as well as hard 
tissues [5,6]. Apatite mineral development on the surface of Bioglass has 
been explored extensively and occurs due to degradation and ionic in
teractions at the surface of the Bioglass [7–9]. Based on these properties, 
Bioglass-based products are clinically approved and currently used for 

dental, craniofacial, and maxillofacial bone defect repair applications. 
However, due to the bulk nature of Bioglass and other melt-derived 
silica glasses, in vivo degradation of these biomaterials is limited and 
lacks porosity that would allow cell infiltration and de novo tissue for
mation [10,11]. These limitations present a major roadblock for their 
further adaptability and development in tissue engineering applications. 

Among the several approaches to overcome Bioglass/silica-based 
biomaterial limitations are to use these biomaterials in the form of 
particulates for defect-filling applications. This allows space and gaps in 
between the particulates to serve as pores for cell infiltration [12]. 
However, such particulate systems are limited to non-load bearing ap
plications due to lack of strength [12]. Significant development of 
sol-gel material processing allowed silica biomaterials with in-built 
porosity and pore structure [11]. The reported pores were in the 
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nanometer range (10–1000 nm) and final products are often presented 
as nano- or microparticles and xerogel glasses [11]. However, the 
optimal pore size for tissue engineering is reported to be 50–300 μm to 
allow for cell infiltration and efficient nutrient transport and waste 
removal [13–15]. Other efforts to introduce larger pores in 
sol-gel-derived silica biomaterials, though successful, resulted in me
chanically weaker matrices that may not be useful for tissue engineering 
[16]. Therefore, sol-gel-derived silica biomaterials are primarily 
considered for drug delivery and bio-imaging applications [17–19]. 

Efforts to incorporate bioactive silica into the commonly used poly
mer matrices resulted in scaffolds with optimized pore, strength, and 
degradation features. Our work and that of others in the field continue to 
explore both natural and synthetic biodegradable polymers in an inno
vative way to create silica and other ceramic-incorporated three- 
dimensional porous structures for tissue engineering and regenerative 
medicine [15,20,21]. These silica composite scaffolds were designed to 
enhance bioactivity to promote mineralization and host tissue integra
tion [22–24]. The recent additive manufacturing process has paved the 
way to develop various ceramic and amorphous silica biomaterials and 
structures for tissue engineering [25,26]. These efforts were successful 
in introducing pore properties into ceramics and Bioglass-based 
biomaterial systems by combining with polyesters such as poly(lactic 
acid) (PLA), poly(caprolactone) (PCL), and their copolymers known to 
produce acidic degradation byproducts leading to tissue necrosis and 
implant failure in vivo [27–30]. 

Therefore, the goal of this study is to develop a silica-based bioma
terial that has the beneficial features of Bioglass for tissue engineering 
purposes and is yet porous, biodegradable, hydrophilic, and fibrous. It is 
known that the amorphous form of silica is bioactive and degradable 
compared to the crystalline counterpart, quartz [11]. We hypothesize 
that consolidation of amorphous silica fibers can lead to the synthesis of 
a matrix system that is a three-dimensional fibrous network mimicking 
the native ECM structurally while absorbing high water content like a 
hydrogel without altering its structural dimension and strength. Addi
tionally, this silica fiber-processing methodology will enable us to 
combine other additives including bioactive glasses, ceramics, and 
polymers to manipulate final matrix properties to meet the needs of a 
particular tissue engineering application. In this manuscript, we report a 
methodology that is efficient to synthesize amorphous silica fiber 
matrices and study the effect of processing temperature and additives on 
matrix physicochemical properties and in vitro osteogenic ability. 

2. Materials and methods 

2.1. Amorphous silica fiber scaffold biomaterials 

Approximately 50 g of pure amorphous silica fibers with fiber di
ameters of 10 μm (McAllister Mills, VA) were blended at 50,000 RPM for 
30 min to fragment the fibers and form a slurry. The fiber slurry was 
washed in 5 mM HCl solution for 2 h to remove any contaminants, 
filtered, and washed twice in distilled water (dH2O). Subsequently, the 
fibers were re-suspended in 1 L of dH2O, placed into a 12 cm × 12 cm 
mold, and pressed to remove approximately 50% of the excess water. 
The mold was then placed into an oven and dried at 110 ◦C overnight, to 
remove the remaining water. The resulting green body was then placed 
into a high-temperature oven and sintered at varying temperatures 
(1,350, 1,450, 1,550 ◦C) with a ramp rate of 3 ◦C per minute with a dwell 
time of 2 h. Afterward, the sintered scaffolds were cooled quickly to 
room temperature to prevent crystallization of the silica fibers. 

To fabricate silica fiber scaffolds with cellulose, 12.5 g (20 wt% 
cellulose) of cellulose fibers (CF) (Sigma-Aldrich, MO) were added to 50 
g of silica and blended to fragment the fibers. The slurry was then treated 
with 5 mM HCl, washed, pressed, and dried as described above. Before 
sintering the silica fibers, to ensure complete thermal decomposition of 
the cellulose additive, the green body was heated at 800 ◦C for 1 h. Then 
the sample was heated to 1,550 ◦C and the silica fibers were sintered for 

2 h. To study the role of PVA as an additive, 12.5 g of PVA (20 wt% PVA) 
(Sigma-Aldrich, MO) was dissolved in 1 L of dH2O, then the fragmented 
and washed silica fibers were added to the PVA solution and homoge
nized. The resulting slurry was then pressed and dried at 110 ◦C over
night. This formed green body was heated to 800 ◦C and kept at this 
temperature for 1 h then sintered at 1,550 ◦C for 2 h to ensure complete 
thermal decomposition of PVA, just as was done for the silica fibers with 
20 wt% cellulose samples. 

2.2. Matrix morphology, water absorption, and porosity 

Qualitative overview of the silica scaffold morphologies and the ef
fects that sintering temperature and additives caused were obtained 
using scanning electron microscopy (SEM). The samples were sputter- 
coated with gold/palladium (E5100, Polaron) and examined using 
Nova NanoSEM 450 (FEI). Energy-dispersive X-ray spectroscopy (EDS) 
was also conducted on silica scaffold samples with cellulose/PVA ad
ditives before and after sintering to confirm the presence or absence of 
the sintering additives that were used. Oxford Aztec Energy Micro
analysis System with X-Max 80 Silicon Drift Detector was used to 
determine atomic composition and distribution in the samples. 

Silica fiber scaffolds of approximately 80 mg were also dried in a 
120 ◦C oven for 2 h, then submerged in 20 mL of dH2O and weighed. The 
resulting hydrated mass was then compared with the dried weight ac
cording to the following equation to calculate the matrix water 
absorption. 

Water Absorption (wt%) =
Wet Weight (mg) − Dry Weight (mg)

Dry Weight (mg)
*100

(Eq.1) 

For quantitative analysis of the silica scaffolds’ porosity and average 
pore sizes, the silica scaffolds were subjected to mercury porosimetry 
(AutoPore IV Mercury Porosimeter, Micromeritics). Cylindrical scaffolds 
with 10 mm diameter and 20 mm height were used for the analysis (n =
6). The samples were placed into the porosimeter where vacuum was 
applied and pressures ranging from 0.1 to 2 atm were applied for mer
cury intrusion. Mercury intrusion and the total amount of mercury used 
in relation to bulk sample size was then used to determine the average 
pore diameter and overall porosity [31,32]. 

2.3. Matrix mechanical characterization 

To assess the mechanical properties of the silica fiber scaffolds and 
the effects that sintering temperature and additives cause, compression 
testing was conducted. The testing was performed according to ASTM 
D695-15 standards, where cylindrical samples with 10 mm diameter and 
20 mm height were used for analysis (n = 6) [33]. The samples were 
loaded onto a Tinius Olsen I50KS (Tinius Olsen Inc., PA) and compressed 
until 50% compression at a rate of 2 mm/min. The compressive modulus 
was calculated by plotting the stress-strain curve, and the slope of the 
linear region was calculated and taken as the compressive modulus. 
Also, the 0.2% offset yield strength was calculated, as the transition 
between the linear region of the stress-strain curve and the plastic 
deformation region of the stress-strain curve was not immediately clear 
[33]. To obtain the 0.2% offset yield strength, a straight line (initiated at 
the strain of 0.2%) was drawn parallel to the initial linear region of the 
graph and extended until it intersected the stress-strain curve, and the 
stress value at the intersect was determined to be 0.2% offset yield 
strength. 

2.4. Matrix degradation 

To verify that the developed silica scaffolds are degradable, an in 
vitro degradation experiment was conducted. Silica scaffold samples 
weighing approximately 80 mg were placed in 50 mL of phosphate- 
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buffered saline (PBS) and maintained at 47 ◦C. The elevated temperature 
was used to accelerate the degradation process to make the experiment 
more feasible in a laboratory setting and an increase of 10 ◦C can be 
approximated to accelerate degradation by a factor of 2 [34]. The 
samples were removed, washed, dried, and weighed weekly, and the 
degradation media were replaced weekly to maintain sink conditions. 

2.5. In vitro cytocompatibility assessment 

The osteocompatibility of the silica fiber matrices was assessed in 
vitro via culture with human bone marrow-derived mesenchymal stem 
cells (hMSCs). The hMSCs were isolated from freshly isolated human 
bone marrow aspirate with proper ethical controls and consent obtained 
by the supplier (hBMA; Lonza, Switzerland) as described previously [20, 
21]. Briefly, hBMA was concentrated using the Magellan® system 
(Arteriocyte, MA), plated in 150 mm tissue culture plates (TCP), and 
placed in a 37 ◦C humid environment with 5% CO2. The adherent cells 
were then isolated and cultured in growth media consisting of Dulbec
co’s Modified Eagle Medium with Ham’s F12 with Glutamax 
(DMEM/F12+GlutaMAX; Life Technologies, CA) supplemented with 
10% fetal bovine serum and 1% penicillin-streptomycin (Life Technol
ogies, CA). The medium was changed every two days and hMSCs were 
passaged at 80–90% confluence. The pluripotency of the isolated hMSCs 
has been confirmed previously via the trilineage differentiation assess
ment [20]. Passage 3 cells were used for this study. 

Silica scaffolds sintered at 1,550 ◦C without any additives were cut 
into disks with 10 mm diameter and 3 mm height, autoclaved, and 
seeded with 25,000 hMSCs. The seeded scaffolds were then cultured in 
osteogenic media consisting of DMEM/F12+GlutaMAX, 10% fetal 
bovine serum, 1% penicillin/streptomycin, 10 nM dexamethasone, 10 
μg/mL ascorbic acid, and 10 mM β-glycerophosphate [20]. The seeded 
scaffolds were cultured in an incubator (Heracell™ VIOS 160i; Thermo 
Fisher, MA) at 37 ◦C with 5% CO2, with the media changed every 2–3 
days. hMSCs cultured in 24-well TCP were used as the control groups. 

For qualitative analysis of cell proliferation and cell attachment, 

hMSC-seeded silica scaffolds were subjected to Live/Dead staining and 
SEM imaging after 1, 7, and 14 days of culture. Live/Dead staining was 
conducted using LIVE/DEAD™ Viability/Cytotoxicity Kit (Thermo 
Fisher, MA) according to the manufacturer’s protocol. The stained 
samples were imaged using a fluorescent microscope with 494/517 nm 
excitation/emission for calcein-AM (Live) and 528/617 nm excitation/ 
emission for ethidium homodimer-1 (Dead). For SEM imaging, the 
samples were fixed using 1% glutaraldehyde for 1 h at room tempera
ture, then 3% glutaraldehyde overnight at 4 ◦C. The samples were then 
washed and dehydrated by equilibrating with 50, 70, 90, and 100% 
ethanol in sequential order and dried. Thus prepared samples were 
sputter-coated (E5100, Polaron) and then imaged using NanoSEM 450 
(FEI). 

To quantify the proliferation of seeded hMSCs, the dsDNA concen
tration of each sample was measured using Quant-iT™ PicoGreen™ 
dsDNA Assay Kit (Thermo Fisher, MA). Silica samples seeded with cells 
and the hMSCs cultured on 24-well plates were removed from culture 
after 1, 7, 14, and 21 days (n = 3), and lysed using 1% Triton X-100 and 
repeated freeze-thaw cycles. Afterward, the lysates were prepared using 
a previously reported protocol [21,35,36], and sample fluorescence was 
measured at 485/535 nm excitation/emission using a Synergy HT plate 
reader (BioTek Instruments, VT). 

2.6. ALP activity and Alizarin red staining 

Basic osteogenic assays were conducted to verify bone tissue engi
neering as a possible use for the developed silica matrix. Alkaline 
Phosphatase (ALP) activity and Alizarin Red Staining/Quantification 
were used to quantify the degree of osteogenic differentiation on the 
seeded hMSCs. ALP activity was measured using cell lysates from sam
ples after 1, 7, 14, and 21 days of culture (n = 3) and the ALP substrate 
kit (Bio-Rad, CA) as previously reported [35]. Briefly, the cell lysates 
were combined with p-nitrophenyl phosphate (p-NPP) and incubated for 
30 min at 37 ◦C. The reaction was stopped by adding 0.4 M NaOH, and 
the absorbance of the resulting solution was read at 405 nm using a 

Fig. 1. The effect of sintering temperature on silica fiber scaffold fabrication. A) Schematic of silica fiber sintering process. The fibers are blended and homogenized, 
then pressed and dried in a mold, and sintered at varying temperatures (1,350, 1,450, and 1,550 ◦C). B) SEM images of resulting silica fiber scaffolds. The scaffolds 
sintered at higher temperatures showed more complete sintering of adjacent silica fibers, while the scaffolds sintered at lower temperatures showed incomplete 
sintering of adjoining silica fibers. The sintering joints are highlighted by the red circles. The scaffolds sintered at higher temperatures also show larger pore spaces 
when compared to the scaffolds sintered at lower temperatures. 
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microplate reader (Synergy HT; BioTek Instruments, VT). The results 
were then normalized with the corresponding dsDNA concentration 
obtained from the PicoGreen assay. Cell-induced mineralization was 
assessed through Alizarin Red staining and quantification of the seeded 
scaffolds after 7, 14, and 21 days in culture (n = 3). The samples were 
washed with PBS, fixed with 70% ethanol for 20 min at 4 ◦C, stained 
with 40 mM Alizarin Red dye (Sigma-Aldrich, MO) at pH 4.23 for 10 
min, and washed with dH2O. Acellular samples were also subjected to 
Alizarin Red staining to account for non-cell-induced mineralization of 
the scaffolds. To quantify the degree of Alizarin Red staining, 10% 
cetylpyridinium chloride (CPC; Sigma-Aldrich, MO) was added to sol
ubilize the dye for 15 min at room temperature [35]. The absorbance of 
the resulting solution was then measured at 562 nm using a plate reader 
(Synergy HT; BioTek Instruments, VT). The readings from the corre
sponding acellular groups were then used to normalize the data. 

2.7. Statistical analysis 

Quantitative data presented in this work were analyzed using one- 
way or two-way analysis of variance (ANOVA), where appropriate, 

followed by Tukey’s Multiple Comparison Test. The data are represented 
as the mean ± standard deviation, with p-values less than 0.05 used as 
the standard for being statistically significant. 

3. Results and discussion 

Three different sintering temperatures of 1,350, 1,450, and 1,550 ◦C 
were employed to determine the effect of temperature on the 
morphology, porosity, and mechanical properties of silica fiber scaf
folds. Also, the effects of sintering additives were assessed with the in
clusion of cellulose fibers and PVA along with the silica fibers into the 
green body. PVA was used as a binder material that would provide 
strength to the silica fibers during the pressing and green body formation 
stages, as it has been used previously as a binder to sinter ceramic 
particles [37–39]. It was also noted that since the PVA is dissolved into 
the liquid phase of the slurry, some of the added PVA is lost during the 
pressing of the slurry, ultimately resulting in less than the originally 
added 20 wt%. Cellulose fibers were included in the silica green body to 
serve as a porogen for the silica fibers, where the spaces occupied by the 
cellulose fibers during the green body phase would be voided as the 

Fig. 2. Amorphous silica fiber scaffold water absorption. A) Images of silica scaffolds sintered at 1,550 ◦C before and after water absorption shows that no changes to 
the overall structure or volume occurred. B) Water absorption quantification for the fiber scaffolds sintered at varying temperatures shows that silica scaffolds are 
capable of absorbing approximately 500% of their weight when soaked in water regardless of sintering temperature (n = 3). 
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cellulose decomposes during the sintering process. The voided pores, if 
large enough, would increase the average pore diameter and porosity, 
allowing for higher nutrient transport and cell infiltration into the silica 
scaffold. The two additives were also chosen as both materials have been 
noted to decompose into small volatile compounds at high temperatures, 
which minimizes the potential of impurities in the final scaffold 
[40–43]. 

The morphological changes due to sintering were analyzed via SEM 
(Fig. 1B). We observed that with increasing sintering temperature, the 
degree of sintering of the adjoining silica fibers is increased. As high
lighted in the red circles, the scaffolds sintered at 1,350 ◦C show some 
degree of sintering between the adjacent silica fibers, but there were still 
silica fibers that had not been sintered completely with the neighboring 
fibers. The number of lone fibers decreased for the scaffolds sintered at 
1,450 ◦C, with most of the neighboring silica fibers sintering together to 
form sintered joints. The trend continued when the scaffolds were sin
tered at 1,550 ◦C, where most, if not all, adjacent silica fibers were 
sintered together and formed into larger sintering joints. Also, in gen
eral, the increase in sintering temperature and degree of sintering seems 
to have resulted in the creation of larger pore sizes. The difference in 
pore structure is clear between the scaffolds sintered at 1,350 and 
1,550 ◦C, where the scaffold sintered at higher temperatures presented 
larger pores, which may have developed due to increased agglomeration 
of the silica fibers into the sintering joints (highlighted in the red 

circles). 
We also examined the water absorption of the developed silica fiber 

scaffolds (Fig. 2). Silica fiber scaffolds showed the ability to absorb 
water approximately 500% or 5 times their mass. These results are in 
stark contrast to polymer scaffolds that are often used for tissue engi
neering purposes, such as PLA and PLGA, which are hydrophobic by 
nature [44]. In addition, the scaffolds did not swell or change 
morphologically in contact with water which is the case for many 
hydrogels used for tissue engineering purposes [45,46]. The swelling 
properties of hydrogels result in rapid loss of mechanical stability of the 
material/implant due to dilution, and this may result in rapid and pre
mature implant degradation at the site of regeneration [47,48]. In 
contrast, the developed silica scaffolds are capable of absorbing a sig
nificant amount of water, while maintaining their overall shape and 
pore structure, which provides the aqueous environment needed for cell 
growth/infiltration and nutrient transport. Silica biomaterials have been 
known to be hydrophilic due to the presence of silinol (Si-OH) groups on 
the surface of the material [48], and the capillary pore structure of the 
developed matrix may be the cause for the high water absorption seen 
for the silica fiber scaffolds. Additionally, silica fiber matrices can be 
easily sterilized (via autoclaving), stored, and processed for the desired 
application, while hydrogels and biodegradable polymer-based matrices 
need to go through complex sterilization and storage protocols [64]. The 
unique aspects of the amorphous silica fiber scaffolds in comparison 
with some of the traditional scaffold options (hydrogels, polymer/
ceramic systems) are listed in Table 1. 

The morphologies of the silica scaffolds with additives before and 
after sintering were also assessed through SEM (Fig. 3B). The SEM im
ages of the silica fibers before sintering clearly show the presence of 
sintering additives, with the cellulose fiber additive seen wrapping 
around the silica fibers and the PVA shown forming films connecting the 
silica fibers. Also, it was noticed that the PVA additive group produced 
firm and more solid green bodies than the other groups, presumably due 
to the presence of PVA in the solid phase that held the silica fiber scaf
folds together. In the case of cellulose fiber addition, the silica scaffolds 
with cellulose showed a similar degree of sintering when compared to 
that of the pure silica scaffold sintered at 1,550◦, where the majority of 
the adjoining silica fibers were sintered together to form sintering joints. 
On the other hand, the silica fibers with PVA showed higher levels of 
sintering with larger sintering joints. This may be due to the shrinkage 
and compaction of the silica fibers that occurred during the drying 
process. PVA is a water-soluble polymer and it coats silica fibers and 
helps in compacting fibers whereas cellulose fibers not soluble in water 
are dispersed in the slurry. As the PVA in the liquid phase dried, it 
formed thin films that connected the neighboring silica fibers, as evi
denced in the SEM images of the green body pre-sintering, resulting in 
overall compaction of the green body and higher levels of sintering and 
agglomeration of those compacted silica fibers. 

The mechanical properties, compressive modulus and yield strength, 
of the silica fibers under compression were also measured (Fig. 3C and 
D). The compressive moduli of the pure silica fiber scaffolds increased 
from 9 to 13 MPa with increasing sintering temperature. This trend may 
be due to the formation of more complete sintering joints when the silica 
fibers were sintered at higher temperatures. Meanwhile, the yield 
strength of the silica matrices sintered at different temperatures varied 
between 0.5 and 1 MPa and did not show any significant differences or 
noticeable trends. Also, the addition of cellulose did not significantly 
increase either the compressive modulus or the yield strength of the final 
silica scaffolds, remaining similar to the compressive modulus and yield 
strength of the pure silica matrix sintered at 1,550 ◦C. However, the 
inclusion of PVA during the sintering process resulted in statistically 
significant increases to both the compressive modulus and yield strength 
of the scaffolds, with increases of approximately 94% and 45% to its 
compressive modulus and yield strength, respectively, when compared 
with that of the pure silica matrix also sintered at 1,550 ◦C. This increase 
in mechanical properties when PVA is introduced during the fabrication 

Table 1 
Comparison of developed silica fiber scaffold and traditionally used tissue en
gineering biomaterials.  

Amorphous Silica Fiber 
Matrices 

Hydrogels Ceramic or Polymeric 
Matrices 

Mechanically strong to 
support load-bearing 
tissue regeneration 

Often soft and 
viscoelastic, not ideal for 
load-bearing tissue 
engineering [46,47] 

Mechanically strong to 
support load-bearing 
tissue regeneration [56, 
57] 

Hydrophilic and porous 
nature allows up to 500 
wt % water uptake 

The level of hydration 
depends on the nature of 
the polymer, crosslinker, 
degree of crosslinking, 
and other factors [47] 

Typically do not absorb 
water 

Water absorption does not 
affect matrix/implant 
dimension 

Swells in volume with 
hydration. 

Limited hydration and 
swelling 

>90% highly porous 
matrices with variable 
pore sizes ranging 
50–200 μm 

>99% highly porous 
with pores ranging 10 
nm to 600 μm [58] 

Fabrication and 
processing techniques 
allow variable pore size 
and overall matrix 
porosity [14,21] 

Micrometer-sized pores 
can support cell 
infiltration, tissue 
ingrowth, and nutrient 
exchange needed for 
tissue regeneration 

Macroporous hydrogels 
with large pore sizes can 
support cell infiltration 
[58–60] 

Defined pore sizes can be 
created to support cell/ 
tissue ingrowth and 
nutrient exchange for 
tissue regeneration [14, 
15] 

Matrix fibrous nature, 
high water content with 
micron-sized pores can 
closely mimic native 
extracellular matrix 

Can mimic native ECM Macro features fail to 
mimic native ECM 

Biodegradable and 
provide long-term 
support (more than 2 
years) for tissue 
regeneration 

Degradation rate is 
dependent on the nature 
of the polymer, 
crosslinker, and crosslink 
density [61] 

Variable degradation rate 
for certain polyesters and 
calcium phosphates, but 
polyesters tend to exhibit 
bulk degradation [62,63] 

Easy to handle, store, and 
sterilize via heat and 
other approved 
sterilization techniques 

Difficult to handle, store, 
and sterilize; Limited by 
Ozone and Ethylene 
Oxide sterilization 
methods that are only 
limited to surface or 
require complete 
processing in a sterile 
environment [64] 

Feasible to apply all 
approved sterilization 
techniques with few 
exceptions with 
composites involving 
polymers such as PLA 
and PLGA via heat 
sterilization  
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process may be attributed to the increased sintering of neighboring fi
bers resulting in densification of the silica scaffold, evidenced by 
decreased pore characteristics, and formation of larger sintering joints, 
as evidenced in the SEM images of the scaffolds after sintering (Fig. 3B), 
and these joints may have facilitated the resistance to deformation 
during compression. These results also indicate that by increasing the 
degree of sintering and densification, the mechanical properties of the 
silica scaffold can also be increased, either through the addition of PVA 
to facilitate compaction or by creating denser green bodies by pressing 
more water out of the slurry before dehydration. Also, although the 
results were not statistically significant, it may be possible to increase 
either the sintering temperature or the sintering duration to increase the 
amount of sintering, thereby increasing the mechanical properties of the 
silica scaffolds. 

Elemental analysis of the silica fibers with additives before and after 
sintering via EDS was also conducted to verify the complete decompo
sition of additives after sintering (Fig. 4). The elemental compositions 
and mapping of the samples before sintering did note the presence of 
organic material, carbon atoms, along with the silica fibers, presumably 
cellulose and PVA. However, after sintering, minimal levels of carbon 
were detected, attributed to the background presence of carbon within 
the environment surrounding the samples. The only other signals that 
were detected were those corresponding to the silicon and oxygen of the 
silica fibers, as well as gold used to sputter coat the samples before 
imaging. Therefore, the complete thermal decomposition of the addi
tives was achieved during the sintering process, which ultimately 
resulted in a pure amorphous silica fiber scaffold after the final sintering 

step. 
To quantitatively assess the morphology and pore structure of the 

silica scaffolds, we conducted mercury intrusion porosimetry (MIP) 
(Fig. 5). The average pore diameter of the silica scaffolds increased with 
increasing sintering temperature (Fig. 5A). The silica scaffolds sintered 
at the lowest temperature, 1,350 ◦C, resulted in average pore diameters 
of 67.78 μm that increased up to 89.80 μm for the scaffolds sintered at 
1,550 ◦C. The change in overall pore size distribution is also clear in the 
pore size distributions (Fig. 5C), where the relative distributions of pore 
sizes increase with an increase in sintering temperature. The quantita
tive analysis of the pore sizes confirms the observations noted in the 
qualitative SEM images of the matrix morphology. This increase in 
average pore size may be due to the higher degree of agglomeration and 
fusion of nearby silica fibers sintered at higher temperatures. The 
increased fusion would result in larger void areas, subsequently 
increasing the size of pores (in the size range of 100–200 μm) throughout 
the scaffold. As reported in the literature, pore sizes in the 50–300 μm 
range are essential for cell infiltration and adequate nutrient transport 
that can support the complete cellularization of the implant [13–15]. 
Therefore, the presence of pores in this optimal size range in the sintered 
silica matrices demonstrate the potential value of the developed silica 
matrix as a new class of fibrous silica biomaterial for tissue engineering 
purposes. 

Also, MIP analysis showed that the addition of cellulose did not 
significantly alter the average pore diameter of the silica scaffolds when 
compared with that of the pure silica group (Fig. 5A). This result shows 
that the added cellulose did not act as a porogen that would create larger 

Fig. 3. Effect of sintering additives during silica scaffold fabrication. A) Cellulose fiber or polyvinyl alcohol (PVA) was added to the silica slurry during the ho
mogenization process, then pressed, dried, and fired at 800 ◦C before sintering at 1,550 ◦C. B) SEM images of the silica scaffolds before and after sintering. The pre- 
sintering images show the presence of cellulose interspersed between the silica fibers. The addition of PVA and subsequent drying of the slurry resulted in formation 
of films of PVA in between the silica fibers as the slurry was dried. The post-sintering images show that scaffolds with 20% PVA resulted in more complete sintering of 
the silica fibers and much smaller pore sizes (highlighted within red circles). C and D) Mechanical testing of the silica fibers sintered at varying temperatures and with 
addition of additives (n = 6). The addition of PVA resulted in significantly higher compressive modulus and yield strength than all other groups, while the addition of 
cellulose fibers did not significantly affect the compressive modulus of silica scaffolds (C). Variations in sintering temperature did not significantly change the 
compressive moduli of scaffolds. Meanwhile, changes in sintering temperature and addition of cellulose did not result in significant change to the scaffold’s yield 
strength (D). Asterisks denote significance of P < 0.05. 
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voids as it decomposed. This may be due to the overall size and structure 
of the added cellulose. As shown in the SEM images of the silica fibers 
with cellulose before sintering (Fig. 3B), the cellulose particles were seen 
to be wrapped around the silica fibers and did not occupy a significant 
portion of the green body matrix. This indicates that the added cellulose 
did not take up any additional space, but rather settled into voids that 
were already present in the silica fiber matrix, resulting in minimal 
changes to the overall morphology and pore structure of the scaffolds. 
This suggests the need for the use of larger cellulose particles to serve as 
porogen. On the other hand, the addition of PVA resulted in a significant 
reduction in the average pore diameter of the scaffold, resulting in a 
31% reduction in the average pore diameter (Fig. 5A). The resulting 
average pore diameter was the lowest out of all groups that were studied 
and may be due to the compaction during the drying stage and signifi
cant sintering/densification of the silica fibers. As mentioned previ
ously, the inclusion of PVA resulted in the compaction of the green body 
due to the solidification of the PVA around the silica fibers, which may 
have resulted in an overall decrease in the void space between the silica 
fibers. 

The overall porosity of the silica fiber scaffolds for all groups fell into 
the range of 85–94% porosity (Fig. 5B). The similarities in porosity, 
despite the differences in the average pore diameter for the pure silica 
scaffolds that were sintered at varying temperatures, may be because the 
silica scaffolds with smaller average pore diameters had more of the 
smaller sized pores, while the scaffolds with higher average pore di
ameters had fewer pores but the average size of the pores was greater, 
resulting in similar overall porosities. These results also correspond with 

the fact that the same amounts of silica fibers were used to create these 
silica fiber scaffolds, which were of the same dimensions. As for the 
silica scaffolds with cellulose as an additive/porogen, the overall 
porosity was not statistically different when compared to the pure silica 
scaffold, which further reinforces that the cellulose additive did not 
contribute to the formation of more pores and rather settled into the 
void spaces already present in the silica fiber matrix. However, as for the 
silica scaffolds with PVA used as an additive, the overall porosity of the 
resulting scaffolds was significantly lower than that of the pure silica 
fiber (85% vs. 93%). This may be due to the compaction of the green 
body as mentioned before, which lowered scaffold average pore diam
eter, increasing the degree of sintering, and increasing the overall me
chanical properties of the silica scaffolds. Overall, the porosimetry data 
indicate that a highly porous scaffold (about 90%) could be produced, 
which would facilitate cellular infiltration and nutrient transport that is 
necessary for the complete cellularization of the scaffold. In addition, 
the high degree of porosity presents a larger surface area for silica fiber 
degradation to occur, circumventing one of the weaknesses of Bioglass 
and other melt-derived silica biomaterials. 

By analyzing the morphology, porosity, and mechanical character
istics, pure silica fiber scaffolds sintered at 1,550 ◦C were used as the 
scaffold group for the remainder of the study. This scaffold group 
showed the most complete sintering between adjacent silica fibers and 
presented the highest average pore size. Although it was not statistically 
significant, its mechanical properties were higher than the other pure 
silica fiber scaffolds sintered at lower temperatures. Also, the silica 
scaffolds with PVA additives were not used despite their high 

Fig. 4. Energy dispersive X-ray (EDS) analysis of silica scaffolds with additives before and after sintering. The distribution of atoms present in the samples show that 
after sintering, both the cellulose fiber and PVA additives have been removed via thermal decomposition after sintering. The spectra recorded show the presence of 
silicon and oxygen as part of the silica fibers, and carbon atoms present as part of the additive, which are reduced to trace levels post-sintering. The presence of gold 
atoms is due to the coating of the samples prior to SEM and EDS analysis. 
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Fig. 5. Mercury intrusion porosimetry of silica scaffolds. A) Average pore diameter of silica scaffolds (n = 6). The average pore diameter increased significantly with 
increases in sintering temperature, with the scaffolds sintered at 1,550 ◦C showing the highest average pore diameter. Addition of cellulose fibers to the scaffolds did 
not significantly alter the average pore diameter when compared with the scaffolds sintered at 1,550 ◦C. However, the addition of PVA to the scaffold fabrication 
process resulted in significant decreases in the average pore diameter of the scaffolds. B) Average porosity of silica scaffolds (n = 6). The overall porosity of the silica 
scaffolds did not change with sintering temperature showing porosities of approximately 90%. Addition of cellulose did not affect the porosity of the scaffold, while 
the addition of PVA resulted in significant decrease to overall porosity of the scaffold. C) Relative distribution of pore diameter of the silica scaffolds (n = 6). The 
dotted red line indicates the average pore diameter of each group. Asterisks denote significance of P < 0.05. 

Fig. 6. Degradation profile of silica fiber scaffolds. Silica scaffolds were placed in PBS at 47 ◦C, and maintained in sink conditions via degradation media change 
every week. The degradation profile shows a gradual decrease in overall mass, reaching approximately 70% of its original volume by week 40 (n = 3). 
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mechanical properties as the smaller pore sizes may negatively impact 
cell infiltration and nutrient transport [13]. 

The degradability of the developed silica scaffolds in an aqueous 
environment was also examined to further verify its usefulness as a new 
biomaterial for tissue engineering. As mentioned previously, the lack of 
in vivo degradation of Bioglass and other melt-derived glasses has pre
vented their use as a tissue engineering vehicle, despite their high 
biocompatibility and osteoinductivity [10,11]. On the other hand, the 
silica fiber scaffolds developed in this study were shown to degrade 
gradually in a linear manner when exposed to an aqueous environment 
(Fig. 6). The scaffolds were able to degrade and lose approximately 30% 
of their mass over 40 weeks, without any evidence of sudden changes in 
their mass. Macroscopic observations also did not show any evidence of 
structural failure or sudden deterioration of the silica scaffolds. These 
results indicate that the silica fibers degrade via a gradual surface 
erosion mechanism. This observation is in contrast with many other 
biodegradable polyesters that are commonly used to develop engineered 
structures for tissue repair/regeneration. For example, PLGA often un
dergoes bulk degradation wherein the material rapidly loses mass and 
structural integrity after a certain period in an aqueous environment, 
caused by autocatalysis of the material due to accumulation of its acidic 
degradation byproducts [27,28]. Meanwhile, the degradation mecha
nisms of amorphous silica biomaterials have been established, where 
amorphous silica is degraded gradually due to dissolution into silicic 
acid (Si(OH)4) in an aqueous environment [49,50]. However, the 
dissolution rate is exceedingly slow and requires ample surface area in 
contact with water to result in significant levels of dissolution. Also, the 
degradation byproducts of silica in an aqueous environment, (predom
inantly Si(OH)4) are reported to be biocompatible and are shown to 
induce the production of factors that encourage the proliferation and 
differentiation of surrounding cells [49,50]. It is important to note that 
this experiment was conducted at an elevated temperature, 47 ◦C, which 
indicates that the actual degradation rate of the material may be lower 

than what is shown in Fig. 6 [34]. Although it is ideal for a tissue en
gineering scaffold’s degradation rate to match the rate of new tissue 
formation, a slower rate of scaffold degradation may be advantageous in 
many cases as it provides structural support throughout the regeneration 
process, which is critical for certain types of tissue engineering fields, 
such as bone and osteochondral tissue engineering. 

After confirming the degradability of the silica fiber scaffolds, a 
preliminary analysis of the developed scaffold’s biocompatibility was 
conducted in vitro using qualitative imaging of cell viability and 
attachment through Live/Dead staining and SEM imaging (Fig. 7). The 
Live/Dead images show minimal cell death, evidenced by the preva
lence of live green signal and the lack of red signal. It was also seen that 
the cells proliferated rapidly between 1 and 14 days of culture, reaching 
what seems to be confluence at 14 days. This is also confirmed through 
SEM imaging where the cells are attached to silica scaffold sparsely 1 
day after seeding and proliferate rapidly until day 14 where the cells 
reach confluence, evidenced by the sheet of cells that cover the surface 
of the silica scaffold. This trend was quantitatively demonstrated 
through PicoGreen dsDNA quantification (Fig. 8A). The hMSCs seeded 
on silica fiber scaffolds showed high levels of proliferation at days 7 and 
14, shown through an increase in dsDNA concentration. The dsDNA 
concentration then plateaued between days 14 and 21, presumably due 
to the cells reaching confluence and/or entering the differentiation 
cycle. It was also noted that cell proliferation was similar between the 
hMSCs cultured on silica scaffolds versus those cultured on TCP at 1, 7, 
and 14 days of culture, but significantly higher after 21 days of culture. 

The comparable levels of cell proliferation between the hMSCs 
cultured on the silica matrix versus the cells cultured on TCP and the 
lack of cytotoxicity shows the high levels of cytocompatibility of the 
silica matrix that demonstrate its value as a new biomaterial for tissue 
engineering purposes. In addition, the morphological and mechanical 
properties of the matrix and its variability also show its potential as a 
new type of biomaterial that may be used for a variety of applications. 

Fig. 7. In vitro assessment of silica fiber scaffold biocompatibility. A) Live/Dead and SEM images of silica scaffolds 1, 7, and 14 days after seeding with hMSCs. Live/ 
Dead imaging shows minimal cell death and rapid proliferation of the seeded cells. SEM imaging also shows the same trend, with the cells reaching confluence by day 
14. The inserts show close-ups of the cell attachment to the silica fibers, with the cells highlighted in red. 
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The abundant porosity of the developed scaffolds is similar in total 
porosity and structure to those found in hydrogels composed of elec
trospun collagen or hyaluronic acid [51–53]. The large pore volume 
present in the developed silica matrix allows for more cell migration and 
nutrient transport into the depths of the matrix, which would result in 
more complete cellularization of the matrix. Also, the lack of material 
present in the matrix alleviates concerns about the accumulation of 
degradation byproducts and the cytotoxicity issues that may follow. In 
addition, whereas hydrogels cannot be utilized in many tissue engi
neering applications due to their poor mechanical properties, the 
developed silica matrices show competent mechanical properties that 
allow them to be used in mechanically demanding applications. There
fore, the developed silica matrix presents the morphological properties 
of hydrogels with an abundance of pore spaces, while maintaining the 
structural integrity of ceramic/polymer biomaterials and Bioglass. 

To assess the osteogenic abilities of the silica scaffold and verify bone 
and osteochondral tissue engineering as one of the possible uses for the 
developed scaffold, basic osteogenic assessments were conducted. The 
alkaline phosphatase (ALP) activity of the seeded cells, which is an early 
marker for osteogenic differentiation, was measured to determine the 
commitment of the cells into the osteogenic lineage [54,55] (Fig. 8B). 

hMSCs cultured on silica scaffolds showed steadily increasing ALP ac
tivity, with the largest increase in ALP activity seen between 7 and 14 
days of culture. After 21 days of culture, ALP activity did not increase 
but remained high and comparable to that seen after 14 days of culture. 
On the other hand, hMSCs cultured on TCP showed significantly lower 
levels of ALP activity than its counterpart did after 7 and 14 days of 
culture. The ALP activity of the TCP control group did reach comparable 
levels of ALP activity after 21 days of culture. The consistently high 
levels of ALP activity seen for the hMSCs cultured on the silica scaffolds 
indicate that the cells cultured on silica underwent higher levels of 
osteogenic differentiation at an earlier time than the cells cultured on 
TCP. 

To further assess osteogenic ability, hMSC-seeded silica scaffolds 
were subjected to in vitro mineralization which was quantified via 
Alizarin Red staining. The Alizarin Red staining of the silica scaffolds 
after 7, 14, and 21 days was high, reaching its maximum after 14 days of 
culture (Fig. 8C). Meanwhile, the cells cultured on TCP showed minimal 
levels of Alizarin Red staining, throughout all timepoints, indicating that 
very little mineralization occurred. The degree of Alizarin Red staining 
on the silica scaffolds was approximately 10-fold greater than that of the 
cells cultured on TCP throughout the timepoints, which indicates more 

Fig. 8. In vitro osteogenic properties of silica fiber scaffolds. A) PicoGreen dsDNA quantification of hMSCs cultured on silica scaffolds or TCP after 1, 7, 14, and 21 
days. The increases in DNA content correspond to the cell growth seen in Live/Dead and SEM images, where hMSCs seeded on silica reach confluence after 14 days, 
followed by a period of minimal proliferation between Days 14 and 21. B) Alkaline phosphatase (ALP) activity assay of hMSCs seeded on silica scaffolds or TCP 
normalized with DNA content (n = 3). The cells seeded on silica scaffolds showed significantly higher levels of ALP activity than cells cultured in TCP on Days 7 and 
14. The earlier increase in ALP activity of cells seeded on silica scaffolds may indicate osteogenic properties of the developed silica scaffolds. C) Alizarin Red staining 
and quantification (n = 3). Alizarin red staining of hMSC-seeded silica scaffolds and TCP showed significantly higher levels of cell-induced mineralization at all 
timepoints (Days 7, 14, and 21). The results were normalized with an acellular silica scaffold and TCP control group. D) Photographs of silica scaffolds seeded with 
hMSCs. The Day 7 scaffold shows moderate levels of staining, while the Day 14 and 21 scaffolds show higher levels of Alizarin Red staining, resulting in a dark red 
color. Asterisks denote significance of P < 0.05. 
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osteogenic differentiation of the cells cultured on silica scaffolds than 
cells cultured on TCP. Representative scaffolds stained with Alizarin red 
dye showed staining visibly increased with time in culture, reaching a 
dark red color by Day 21 (Fig. 8D). These results indicate that the 
scaffolds are capable of facilitating osteogenic differentiation of the 
seeded hMSCs, evidenced by the higher ALP activity and levels of cell- 
induced mineralization of the silica scaffold. A key factor in the 
enhanced osteogenic differentiation that was observed may be the 
inherently osteoinductive nature of amorphous silica materials. As 
mentioned previously, amorphous silica materials are capable of passive 
precipitation of calcium apatites when exposed to physiological fluids, 
which drives the differentiation of nearby progenitor cells into the 
osteogenic lineage [7–9]. This passive precipitation of calcium apatite 
was also noticed in this experiment on the acellular silica scaffolds that 
were used to normalize the cellularized silica scaffolds during Alizarin 
Red staining. Consequently, the precipitation of calcium apatites from 
the culture media, with time may have enhanced the osteogenic dif
ferentiation of the seeded hMSCs, which indicates that the developed 
silica scaffolds have a certain degree of osteoinductivity and may be apt 
for bone and osteochondral tissue engineering purposes. 

4. Conclusion 

In conclusion, this study reported an efficient way to synthesize 
amorphous silica fiber matrices as a degradable scaffold system with 
improved pore and mechanical properties for tissue engineering. 
Various matrix processing parameters including sintering temperatures 
and additives provide an additional degree of freedom to further 
manipulate pore and degradation features of this bioactive material 
platform with superior utility. The 90% porous matrix with 50–200 μm 
sized pores and allowing 500 wt% water uptake without losing struc
tural dimensions and strength are some of the unique features of the 
amorphous silica matrix. This material platform presents beneficial 
hydrophilic properties of hydrogels and other polymeric/ceramic-based 
scaffold systems while minimizing the potential drawbacks of those 
systems such as difficulties in sterilization, handling, and rapid loss of 
mechanical properties due to swelling or degradation. These matrices 
lost 30% of the original mass in 40 weeks and supported osteogenic 
phenotype development of cultured hMSCs. Ongoing studies are eval
uating these matrices to further enhance pore, degradation, and me
chanical properties as well as biocompatibility and tissue healing ability 
in multiple tissue types. 
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