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A B S T R A C T   

There is a large unmet need for off-the-shelf biomaterial options to supplant venous autografts in bypass and 
reconstructive surgical procedures. Existing graft alternatives formed from non-degradable synthetic polymers 
are not capable of maintaining long-term patency and are thus not indicated for < 6 mm inner diameter bypass 
procedures. To fill this void, degradable silk-based biomaterials have been proposed that can maintain their 
mechanical properties (i.e. compliance) while facilitating slow but progressive biomaterial remodeling and host 
integration mediated by cellular colonization. The goal of the present study was to enhance the porosity of gel- 
spun silk tubes, to facilitate faster degradation rates and improve cellularity, and thus improve host integration 
over time in vivo, while maintaining requisite mechanical functions. Silk solutions with a range of molecular 
weight distributions and, in turn, viscosities were used to generate tubes of varying porosities. A decrease in 
solution concentration correlated with an increase in mean pore size and overall porosity through a density- 
dependent mechanism. Tubes were mechanically analyzed, and these properties were the basis of an analytical 
model used to correlate tube formulations to structural compliance, which were shown to be similar to the 
saphenous vein. Tubes were also tested for suture retention to ensure surgical utility despite increased porosity. 
Tubes were implanted in the abdominal aorta of Sprague-Dawley rats via an end-to-end anastomosis model. 
Tubes with higher porosities showed early improvements in cell colonization that progressively increased over 
time; conversely, the dense architecture of less porous grafts (20MB) inhibited cell ingrowth and resulted in 
minimal biomaterial degradation at the 6-month time point. None of the highly porous tubes (5 MB and 10MB) 
remained patent at 6 months, likely due remodeling inducing bulk mechanical failure or a compromised blood- 
material interface.   

1. Introduction and background 

The search for improved grafting options has been extensive, cov-
ering a range of material choices, formats, and means to integrate with 
the host vasculature. As one important factor, graft pore structure (pore 
type, size, and interconnectedness) can impact long-term patency by 
mediating cellular infiltration [1,2] clotting kinetics, and anchoring of 
the neointima via alterations to the surface topography [3]. Changes to 
the pore architecture of vascular implants can also influence their 
mechanical properties [4]. With decreases in overall solids density, 

thinner pore walls will be less resistive to buckling under external loads, 
and thus behave as more compliant structures [5]. In turn, a more 
compliant graft wall structure that can match native tissue responses to 
flow has been shown to decrease rates of neointimal hyperplasia fol-
lowing implantation and thus promote long-term patency [6]. Direct 
evidence in the literature that this “compliance-matching” phenomenon 
can be maintained over long time periods in vivo is seldom reported for 
biodegradable grafts due to the contradictory requirements of de-
gradation, cellular remodeling, and mechanics [7]. 

Degradable biomaterials made from silk fibroin that can serve as 
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alternatives to the clinically-approved synthetic grafts were in-
vestigated in this study. Unlike synthetic polymers, naturally derived 
biopolymers can offer improved cytocompatibility and biocompatibility 
due to the presence of embedded structural and functional molecules 
[8]. Several studies have shown that silk fibroin has properties that 
make it ideal for vascular applications such as controllable biodegrad-
ability, minimal inflammatory reactions, and suitable mechanical 
properties [9–11]. Silk-derived grafts have been fabricated using mul-
tiple spinning approaches, resulting in tubes with diverse mechanical 
features [12,13] and architectures supportive of vascular cell coloni-
zation in vivo [14]. Preliminary short-term in vivo assessment indicated 
that the tubes could support the development of distinct intraluminal 
smooth muscle cell and endothelial cell layers; however, observations 
at 1 month suggested restricted silk material remodeling and cell in-
gress due to the density of the tube wall [14]. Therefore, the goal of this 
work was to construct gel-spun silk grafts with enhanced porosity and 
faster degradability to accelerate cell colonization and extracellular 
matrix deposition. A silk-based material system offering stable me-
chanical features and now a means of accelerating cell and tissue in-
gress could become a compelling off-the-shelf graft alternative. 

To fabricate more porous tubes, gel-spinning was employed for its 
versatility in generating layered materials of controllable properties. 
The gel-spinning process relies on high concentration (i.e. > 20% w/v) 
silk solutions. Once extruded, the more viscous silk is metastable due to 
increased crystallinity and thus maintains its tubular shape profile and 
association with the spinning mandrel [12]. Lyophilizing tubes gener-
ated with high concentration silks (using a rapid initial freeze rate and 
low freezing temperature set point for primary drying) prior to inducing 
additional crystallinity resulted in a broad, but small pore architecture. 
In this work we hypothesized that solutions of lower concentration, but 
higher molecular weight would be both spinnable and generate tubes 
that, when lyophilized, would result in increased porosity and pore 
sizes. These high molecular weight solutions were generated through 
control of silk extraction conditions [15,16]. The resulting conduits 
formed after lyophilization were characterized structurally, mechani-
cally, and biochemically for vascular-specific functions. Additionally, 
the morphology of the residual silk grafts and cellularity 1–6 months 
after implantation in the rat model were evaluated to appreciate both 
short- and long-term remodeling behavior influenced by tube structure. 
These pilot in vivo studies provided preliminary data regarding the ki-
netics of cell ingress and rates of material remodeling, prior to evalu-
ating compliance matching in larger animal models [17]. 

2. Materials and methods 

2.1. Silk solution preparation 

Silk fibroin solutions were prepared as reported previously [18]. 
Bombyx mori silkworm cocoons were supplied by Tajima Shoji Co., LTD 
(Yokohama, Japan). Briefly, pure silk fibroin was extracted from co-
coons by boiling in a sodium carbonate solution (0.02 M) (Sigma-Al-
drich, St. Louis, MO) for 5, 10, 20, or 30 min to remove sericin, referred 
to as minute boil (MB). Per previous studies the molecular weight of silk 
fibroin can be correlated to this extraction time [15]. The purified silk 
fibroin was solubilized in aqueous lithium bromide (9.3 M) (Sigma-Al-
drich, St. Louis, MO) for 4 h at 60 °C. The 5- and 10-min extracted silk 
fibers were dissolved in lithium bromide solution at 15% w/v protein 
concentration, while 20- and 30-min extracted fibers were dissolved at 
20% w/v. The silk fibroin solutions were dialyzed using 3.5 kDa MW 
cutoff Slide-A-Lyzer™ Cassettes (Life Technologies) against deionized 
water for 48 h. The concentration of the silk solution was determined by 
drying a known volume of the solution and assessing the mass of the 
remaining solids (typically 6–8% w/v). These silk solutions were stored 
at 4 °C prior to use. To increase the concentration of silk solutions they 
were first subject to dehydration in Slide-A-Lyzer Cassettes open to the 
ambient (50% relative humidity) environment for upwards of 16 h. The 

concentration of the silk solution was determined according to the 
method described above, drying a known volume of the solution and 
assessing the mass of the remaining solids to obtain % w/v con-
centration. If higher concentration were further required a CentriVap 
Vacuum Concentrators (Labconco, Kansas City, MO) was used with 
2 mL vials. 

2.2. Viscosity of silk solutions 

Molecular weight (MW) of silk fibroin solutions can be correlated to 
boiling time (MB), 5–10 MB solutions have approximate MWs of 
171–460 KDa [19] and 15–30 MB solutions have approximate MWs 
below 160 KDa [20,21]. Viscosity of silk solutions prepared using 
variable boiling times (5–30 MB) and concentrations (5%–25% w/v) 
were measured by a Brookfield™ DV-II + Pro Viscometer with a Wells- 
Brookfield Cone/Plate adaptor. For each test, a 500 μL aliquot was 
placed under a CPE-52 cone (3° angle, 12 mm diameter) onto a CPE- 
44PY cup. The cone rotated continuously at a shear rate ranging from 
0.1 s−1 to 10 s−1 for 5 s per step to reach equilibrium. Data was col-
lected at 15-s intervals using Rheocalc (V3.3, Build 49.1) software. 
Recorded torque values were converted to shear stress, plotted against 
varying shear rate, and fit by Bingham Flow model via linear regression 
from which the value of plastic viscosity was obtained. All samples 
yielded a fit with r2 ≥ 0.95, suggesting an appropriate range of shear 
rates were used throughout. 

2.3. Gel-spinning 

A custom silk gel spinning device was used to fabricate the tubes as 
previously described [12]. Optimal process parameters (winding pat-
terns, axial and rotational speeds) were determined previously [12]. 
Briefly, rotational and axial slew rates of the rotating mandrel and 
needle gauges (25–30 G) were tailored for each feedstock solution to 
maintain consistent and uninterrupted gel coverage during the spinning 
process. To make tubes, the spinning mandrel was coated with Teflon 
and had an outer diameter of 1.29 mm (McMaster-Carr). Once covered 
with two passes of gel, tubes were immediately transferred to a pre- 
cooled shelf set to −25 °C within a VirTis Genesis 25 L Super XL Freeze- 
Dryer (SP Scientific, Stone Ridge, NY) and were lyophilized using a 
protocol previously described [16]. Once the lyophilizer chamber had 
achieved convergence of the pirani gauge and capacitance manometer 
pressure readings the tubes were considered fully dry and removed 
from the lyophilizer. After a one-hour treatment with 90% (v/v) me-
thanol/water, the gel-spun tube was removed from the Teflon-coated 
mandrel. This previously established method was used to prepare silk 
tubes matching the size of abdominal aorta in Sprague-Dawley rat 
(inner diameter 1.0–1.5 mm, length 20 mm, wall thickness 0.1 mm) 
[14]. 

2.4. Morphological characterization 

Scanning Electron Microscopy was used to visualize the inner lu-
minal surface morphology of the tubes and their cross-sections. Sections 
were prepared by freeze-fracturing under liquid nitrogen. All samples 
for SEM were sputter-coated with gold using a Polaron SC502 Sputter 
Coater (Fisons, VG Microtech, East Sussex, England) and imaged using a 
Zeiss EVO MA10 electron microscope (Carl Zeiss AG, Germany) using a 
solid state secondary electron detector, and an accelerating voltage of 
3 KV. 

2.5. Degradation testing 

Degradation of silk fibroin biomaterials has previously been studied 
using protease XIV [15]. Silk gel spun tubes weighing 10 mg from either 
5, 10, 20, or 30 min extraction formulations were subjected to protease 
XIV enzymatic degradation under continuous orbital shaking in an 
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incubator set to 37 °C. Lyophilized protease XIV powder (Sigma-Al-
drich, St. Louis, MO) was reconstituted to 1 mg/mL (0.1 U/mL in 1X 
PBS) with continuous stirring for 1 h. Tubes were incubated in 750 μL 
protease solution for 14 days with complete enzyme changes occurring 
on days 2, 4, 7, and 10. Each day, one set of samples (N = 4) was re-
moved, rinsed for 15 s in deionized water, followed by 2 min of orbital 
shaking in fresh deionized water to completely remove enzyme and silk 
breakdown products. Samples were dried in a fume hood overnight to 
compare weights at each time point to original starting tube weights. 

2.6. Mercury intrusion porosimetry 

Mercury intrusion porosimetry (MIP) measurements were con-
ducted to evaluate the porosity and pore size distribution of gel-spun 
tubes. Two-pass tube sections measuring ~10 mg were analyzed via a 
Quantachrome PoreMaster mercury intrusion porosimeter 
(Quantachrome Instruments, Boynton Beach, FL). For each formulation, 
samples were weighed, and subsections pooled into glass sample cells 
with a 0.5 cc stem volume. A low-pressure cycle (max pressure: 50 psi, 
or 344 kPa) was performed to evaluate pore sizes between four and 
several hundred microns. Each sample cell was then transferred to an 
oil-filled hydraulic chamber for further intrusion over a pressure range 
of 20–33,000 psi. Results are reported as a histogram of pore size (in 
μm) vs. a pore size distribution function, FV, where FV = - [dV/dlog 
(D)], V is the cumulative pore volume, and D is the pore diameter. Pore 
size, pore size distribution, and total intruded volume were averaged 
over the volume of one scaffold. To determine porosity, the skeletal 
density of the silk scaffold was assumed to be 1.31 g/cm3 based on 
previous methods [15]. 

2.7. Uniaxial mechanical characterization 

To characterize the mechanical properties of the wall material, and 
later use this to generate an analytical model, strips were generated on 
larger 50 mm diameter aluminum mandrels on which samples could be 
lyophilized in the same manner by which the gel-spun tubes were 
generated. Uniaxial tensile properties were determined on fabricated 
testing strips 2–9 mm wide × 20–30 mm long. Additional strips culled 
from adjacent sections of the sample were pre-conditioned in water, 
fixed in formalin and then processed through a series of alcohol de-
hydration solvents before paraffin embedding, sectioned and then im-
aged to capture the cross-sectional area of the strips in a hydrated state. 
Imaging software (National Instruments Vision Development Module, 
2009) was used to determine width and thickness of these samples. 
Tensile characterization was performed for a range of silk formulations 
to determine the difference in properties as a function of molecular 
weight and concentration. The tensile measurements were captured 
using an Instron 3366 Load Frame (5 N and 10 N load cells). The testing 
was performed in a phosphate-buffered saline (PBS) bath at 37 °C. A 
preload on 0.02 N was used to account for specimen straightening fol-
lowed by a strain rate of 0.01%·min−1. The video axial and video 
transverse strains were measured based on two fiducial marker dots 
placed 10 mm apart in both axial and transverse directions, forming a 
crucible shape. An Advanced Video Extensometer (AVE) was used to 
track deformations in axial and transverse directions which were re-
corded concurrently with force measurements using Bluehill Software 
(Ver. 3.0, Instron). Force data was converted to stress based on cross 
sectional area measurements and strain taken from the AVE data to plot 
stress-strain curves. Young's modulus was calculated from the slope of 
the linear region of the stress-strain curves at the small strain level 
(below 5%) that would be expected under physiological conditions 
[23]. The poisons ratio was calculated as the ratio of strain in transverse 
direction (ℇtrans) and axial direction (ℇaxial) from AVE data. 

2.8. Suture retention tests 

Suture Retention was tested per ANSI/AAMI/ISO Standard 
7198:1998/2001/(R)2004 “Cardiovascular implants - Tubular vascular 
prostheses” [24]. For these tests, an Instron 3366 Load Frame was 
employed with a 10 N load cell. Briefly, 2 mm inner diameter tubes 
(20–30 mm in length) were cut transverse to the long axis into 10 mm 
tubular segments. An Ethicon 8.0 suture was inserted through one wall 
2 mm from the end and secured to the upper tensile grip, while the 
lower end of the sample was clamped in the lower grip. The suture was 
pulled at a rate of 50 mm min−1 and the force required to pull through 
the tube was recorded. The ultimate strength at failure was computed as 
the maximum force recorded before graft wall failure. 

2.9. Compliance testing 

A custom compliance tester was constructed, it was composed of a 
programmable syringe pump (Pump Systems Inc. model NE-1600), a 
holding chamber, and two in-line pressure transducers (Pendotech, 
PRESS-S-000). Gel spun tubes 25–30 mm length and 2 mm inner dia-
meter were used for compliance testing. Three samples per molecular 
weight were tested. Tubes were attached to the inline pressure trans-
ducers using gauge 15 stainless steel blunt end dispensing needles 
(McMaster-Carr, Robbinsville, NJ). To assure no leaks occurred at the 
ends a waterproof adhesive (3 M™ Wet Surface Adhesive) was used to 
attach the dispensing needles to the graft ends. The length of the graft 
after attachment was kept above 10 mm. A camera (Basler, acA4600- 
10uc Newtown, Pennsylvania) was used for image capture and 
mounted above the graft. A custom LabVIEW program (National 
Instruments, 2009) was written for the simultaneous image and data 
acquisition. 

The grafts were pressurized using a steady state pressure ramp from 
0 to 400 mm Hg. A syringe was filled with water containing blue dye 
(1 mg/mL, Brilliant Blue FCF, Viveri Food Colors, Cleveland, OH) and 
pumped at a flow rate of 10 mL min−1 for 5 s, then held at a constant 
pressure for 30 s. The process was repeated incrementally until a 
pressure of 200 mm Hg was reached. The dye aided in establishing 
contrast between intimal fluid and the surrounding bath fluid to es-
tablish premature failures (if any). Images were captured at 1 frame per 
second. The pressure at each frame was logged onto each image file. 
Image post processing was performed using a NI-Vision Assistant script. 
Briefly, a set of ten frames per pressure condition were analyzed. For 
each set images were converted to binary, isolated regions of interest 
(ROI) were picked manually at three different axial locations. Within 
these ROI the outermost edges of the graft were automatically identi-
fied and the distances between the edges were measured using the 
“distance between edges” LabView tool. This measurement was aver-
aged for each frame and used as the outer diameter of the graft. The 
compliance of the graft was calculated per the equation below, where 
D1 and D2 are the diameters at the first and second pressure conditions 
(P1 and P2). 

Equation (1). vascular graft compliance 
Graft compliance defined as the change in diameter (D2 – D1) times 

the corresponding change in pressure (P2–P1). 

= ×Compliance D D
D

P P
P

2 1

1

2 1

1 (1)  

2.10. Mathematical model and finite element analysis 

An analytical mathematical model was first created to relate mea-
surable material properties to the empirical measurements of com-
pliance, defined as the change in vessel diameter over the change in 
pressure. This mathematical model assumed a conduit was under uni-
form pressure, therefore disregarding the end effects and relating it 
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directly to the experimental compliance measurement conditions that 
were performed. Then a more complex model using Finite Element 
Analysis (FEA) was created using ABAQUS (Dassault Systèmes, 
Providence, Rhode Island) of the vascular conduit to evaluate the re-
lationship between material properties (elastic modulus) and structural 
properties (compliance) for a range of geometrical dimensions. The 
model considered a hollow cylindrical tube fixed at both ends pres-
surized from 0 to 200 mm Hg in increments of 0.005 mm Hg. A linear 
isotropic material was used to model the behavior of the porous tube 
wall over the entire range of modeled stresses. The longitudinal, radial 
and circumferential stresses were calculated using quasi-static analysis. 
A proof of concept parametric analysis was also done by varying the 
wall thicknesses from 100 to 600 μm. 

2.11. Implantation of tubes in rat interpositional model 

Silk tubes were implanted in the abdominal aorta of Sprague- 
Dawley rats via an end-to-end anastomosis model [14]. Animals were 
cared for in compliance with Tufts University Institutional Animal Care 
and Use Committee (IACUC) in accordance with the Office of Labora-
tory Animal Welfare (OLAW) at the National Institutes of Health (NIH). 
Male Sprague-Dawley rats (Strain Code 400, SAS SD, Charles River) 
were acquired at 350 g and allowed to acclimate for at least 5 days prior 
to implantation. The animals were anesthetized using isoflurane (4% 
induction, 2.5% maintenance). Prior to surgery, the silk tubes were 
adjusted to meet the anatomical requirements of the rats (1.29 mm 
inner diameter, 0.1 mm wall thickness, 10–15 mm length). Tubes were 
EtO sterilized in an Anprolene sterilization system (Andersen Products, 
Haw River, NC) using a 12-h cycle (10 h exposure, 2 h degassing), as 
recommended by the manufacturer. Tubes in sterile pouches were 
subject to an additional 24 h degassing in a fume hood at room tem-
perature to remove residual ethylene oxide. The surgical model in-
volved a midline laparotomy and subsequent isolation of the infrarenal 
abdominal aorta. Micro clamps were used to halt blood flow and the 
aorta was transected and washed with saline. The silk graft was then 
interposed after necessary trimming of the adventitia into the native 
aorta and secured by 8–0 monofilament polypropylene sutures (total of 
12). Target ischemia was within 30–60 min and graft patency were 
acutely assessed using a blanching flow-no flow technique before 
closing the animal. Animals were monitored daily for signs of lower 
limb ischemia for 3 days and then twice weekly for the remainder of the 
study. At various incremental time points up to 6 months, the rats were 
euthanized by CO2 asphyxiation and implants resected, including >  
10 mm of attached vascular tissue at both ends of the anastomosis. 

2.12. Histology and immunohistochemistry 

Harvested tissues were stored in formalin for ≥48 h and then pro-
cessed through a series of alcohol dehydration solvents before paraffin 
embedding. Samples were cut in 5 μm sections for subsequent staining 
with Hematoxylin and Eosin (H&E), Verhoeff's elastic (VE), Masson's 
Trichrome (TC). For immunohistochemistry (IHC), antigen retrieval 
was used to restore antigenic epitopes then the sections were blocked 
with serum and incubated with anti-CD31, anti-Smooth Muscle Actin 
(SMA) or anti-Factor VIII (FVIII). Sections were then washed in PBS, 
incubated with a secondary anti-rabbit antibody for 30 min and finally 
with ImmPACT DAB enzyme substrate for 5 min. After washing with 
water, the IHC sections were counterstained with hematoxylin and 
mounted. 

2.13. Statistics 

Values were expressed as mean  ±  SD (standard deviation) for a 
minimum of N = 3 replicates for each group, unless otherwise in-
dicated. Student's t-test was performed for paired observations. 
Statistically significant differences were determined by one- or two-way 

analysis of variance (ANOVA) and the Tukey posttest. Statistical sig-
nificance was accepted at the p  <  0.05 level and indicated in the 
figures as *p  <  0.05 or **p  <  0.01. 

3. Results 

3.1. Gel spinning using low concentration and high Mw fibroin solutions 

When processing silk to obtain lower molecular weights the boiling 
time was decreased and the resulting silk solution concentration was 
decreased [16]. Utilizing these solutions for gel-spinning required that 
their concentrations be sufficiently increased to surpass a minimum 
viscosity threshold that allowed the resultant gel to remain associated 
with the collection mandrel during its continuous rotation. However, if 
the solutions were too heavily concentrated, they were too viscous to 
eject from the needle used for deposition. The flow of the silk solutions 
fit the behavior of a Bingham Plastic where the viscosity (ηB) depends 
on a critical shear stress ( 0) and then becomes constant. These fluids 
are characterized with a constant viscosity (ηB) and modeled with the 
equation below: 

3.3.1. Equation (2). Bingham plastic fluid model 
The Bingham plastic fluid model relates the shear stress of a fluid ( )

from the critical shear stress ( 0), the fluid viscosity (ηB) and the shear 
rate ( ). 

= + B0 (2)  

Adequate spinning solutions were obtained from the 5 MB, 10MB, 
20MB, and 30MB groups at concentrations of 8–11%, 12–17%, 
15–23%, and 20–27% (w/v), respectively (Fig. 1). The viscosity (cP) of 
silk solutions increased exponentially with increased concentration (% 
w/v), independent of the boil time used to generate the solutions. By 
comparing the concentration ranges required for spinning to the visc-
osity profiles, it appeared that a viscosity range of 500–3000 cP was 
universally acceptable for gel-spinning. 

3.2. Characterization of silk tube porosity 

Once these different tube systems were lyophilized, they contained 
vastly different pore architectures with characteristic pore sizes ranging 
from ~200 μm to ~20 μm for the 5 MB and 30MB groups, respectively 
(Fig. 2). Pores for the 5 and 10 MB groups appeared interconnected and 
sheet-like while pores for the 20 and 30 MB groups appeared more 
spherical but isolated. This could be related to a more unimodal pore 
size distribution of high molecular weight (5 and 10 MB) compared to 

Fig. 1. Viscosity of silk solution needed for gel-spinning. Silk solutions of in-
creasing boiling times (5 MB, 10MB, 20MB and 30MB which correlate to de-
creasing molecular weights) and increasing concentrations were prepared. The 
viscosity of these silk solutions were characterized with a cone-plate visc-
ometer. A trend of increase in viscosity with decreasing boiling time (increasing 
molecular weight) and increasing solution concentration was seen. 
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the bi-modal or wider distribution of the low molecular weight (20 and 
30 MB). Despite these differences in pore architecture, the inner lumens 
of the tubes were smooth, owing to the initial collection on the smooth 
surface of the Teflon-coated mandrel (see inset Fig. 2A). The fast- 
freezing approach using a pre-cooled lyophilizer tray likely also limited 
the rate and extent of ice crystal nucleation required for large pore 
formation on the inner lumen. Gel-spun tubes formed from the 5, 10, 
20, and 30 MB silk solutions resulted in distinct pore size distributions 
and porosities, as measured by mercury intrusion porosimetry (MIP) 
(Fig. 2B). For 5 MB samples the distribution of pore sizes was unimodal, 
between 0 and 45 μm with some smaller interspersed pore families 
below 6 μm. For 10 MB the distribution was bimodal between 0.2 – 3 
and 3–20 μm. For 20 MB the distribution was unimodal between 0.2 
and 6 μm. Finally, for 30 MB the distribution was also bimodal between 
0.08 and 2 μm and another population < 0.05 μm. The areas of the tube 
closest to the cold surface (i.e. the rod) freeze the fastest, resulting in 
small and fairly isolated pores compared to the remaining bulk of the 
tube wall. The result is multiple populations of distinct pore sizes. This 
is why the 10 MB samples contain a subset of pores in a similar size 
range to the 20MB and 30MB groups. Consistent with the SEM cross- 
sectional images, tubes formed from 5 MB solutions had a narrow 
spread of large pore diameters; conversely, the bimodal distribution of 
the 10 MB reflected regions of both large ~10 μm and small ~1 μm 
pores seen by SEM. Tubes made from 20 MB to 30 MB were devoid of 
macroscopic pores and appeared more homogenous in cross-section, 
though visualization of pores in the sub-micron range (as indicated by 
MIP) were not achieved in this study. The total porosity of the tubes 
was calculated by assuming a 1.31 g/mL pore wall density and dividing 
the total intruded volume by the total volume (intruded + solids). 
Overall porosity correlated directly to pore sizes of the samples: por-
osity = 86.7% for 5 MB, 80.5% for 10MB, 65.4% for 20MB and 52.0% 
for 30MB. 

3.3. Degradation testing 

Lyophilized silk tubes of varying molecular weights were subjected 
to a constant enzymatic stress over a period of 14 days to evaluate 
relative rates of degradation. Protease 14 was changed every 2–3 days 
and tubes subjected to constant agitation. While tubes (5 MB) in PBS 
did not change mass appreciably over the 14-day study, every tube 
subjected to enzymes lost a significant amount of mass (Fig. 3). The 
fastest to degrade was the 5 MB group (52% loss) and the slowest was 

Fig. 2. Morphological characterization of silk tubes showed control of silk solution boiling time affected tube structure. (A) Tubes formed from 5 MB, 10MB, 
20MB, 30MB, (14%,16%,26%,34% w/v concentrations, respectively) characterized by SEM showed different pore structures after lyophilization. Scale bars 100 μm 
for cross-sectional images. Inset shows the inner lumen of each tube (inset scale bar = 500 μm). (B) Mercury Intrusion Porosimetry was used to evaluate the pore size 
distribution (between 10 nm and ~300 μm) for tubes shown in panel (A). The dark hashed section of the histogram indicates the overlap between each MB group. 

Fig. 3. In vitroenzymatic degradation.Sections of tubes (10 mg each) formed 
from 5MB, 10MB, 20MB, 30MB, (14 %, 16 %, 26 %, 34 % w/v concentrations, 
respectively) were subject to Protease XIV enzyme exposure for 14 days under 
conditions of constant orbital shaking. A 5MB group was subject to PBS 
(without enzyme) as a control. Dry tubes were weighed at the onset of the study 
and samples were removed from enzyme solutions, rinsed in DI water, dried 
and re-weighed at each time point. Enzyme solution was replaced at each 
measurement interval. While all groups exposed to enzyme lost mass 
throughout the study, the 5MB group was the fastest to degrade, likely due to 
rapid fluid transport through the large pores. 
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20MB (25%). Degradation times in vitro increased with increasing 
molecular weight due to larger pores sizes that allowed for greater 
enzyme diffusion. However, higher molecular weight tubes should also 
be more resistant to degradation. In the 20MB formulation the effects of 
these two opposing forces were seen, assuming consistent pore size, the 
pore sizes were big enough for enzyme diffusion. However, the higher 
molecular weight compared to the 30MB could have led to greater re-
sistance to degradation. 

3.4. Mechanical analysis 

The lyophilized tubes had very distinct mechanical properties which 
varied by molecular weight and concentration. Strips formed from each 
molecular weight at varying concentrations within the gel-spinnable 
regime (Fig. 1) were mechanically tested. To attain a viscosity within 
the gel-spinning regime the concentration must be adjusted for each 
molecular weight. Therefore, in our system these two factors cannot be 
decoupled from each other. We increased the concentration with de-
creasing molecular weight to keep viscosity within gel-spinning regime 
and the resulting data was presented as a function of concentration. 
Three representative stress strain curves of low (20 MB), medium 
(10 MB) and high (5 MB) molecular weights (Fig. 4A) show a similar 
qualitative behavior between the different molecular weight constructs, 
with a linear region at low strains followed by a long deformation at 
higher strains. No significant trends were seen for strain or stress at 
break and therefore these were not analyzed. The elastic modulus 
showed a linear increasing trend with concentration (Fig. 4B) and the 
suture strength showed an increasing linear trend with molecular 
weight (Fig. 4C). The Poisson's ratio did not vary significantly with 
concentration or molecular weight. 

3.5. Analytical and computational model 

To further understand the relationship between material properties 
and graft compliance an analytical model (see Fig. 9) of a cylinder 
under uniform pressure (disregarding boundary conditions) was made. 
In this model the stress in the longitudinal direction was set to zero and 
only plane stresses were considered. Under these conditions initially the 
radial stresses were due to internal and external pressure (Pi and P0). 
Using thick walled cylinder mechanics, the radial and circumferential 
stresses were derived. For a linear isotropic material these stresses can 
be related to two material parameters: the elastic modulus and the 
Poisson ratio. The compliance was derived as a function of the radial 
displacement, the elastic modulus and the Poisson ratio. The equations 
used in the analytical model are detailed in Fig. 8. The estimated 
compliance as a function of elastic modulus with a Poisson ratio of 0.2 
(blue) and 0.4 (red) are shown in Fig. 9. According to the model there 
was an inverse linear relationship between the elastic modulus and 
compliance. Increasing the molecular weight (thus altering the crys-
tallization behavior) and decreasing the concentration resulted in a 
graft having a lower elastic modulus and therefore greater compliance. 
The characterization of the mechanical properties of the grafts showed 
tuneability of the elastic modulus but not of the Poisson's ratio. The 
analytical model did not show a significant effect of Poisson's ratio on 
compliance, and further analysis disregarded the effect of Poisson's 
ratio (fixing at 0.3 the average characterized value for further modeling 
work). 

Finite Element Analysis (FEA) considered a more complex numer-
ical model, representing the tube as a cylinder fixed at both ends with 
the longitudinal, radial and circumferential stresses calculated using 
quasi static analysis. Simulations varied pressure from 0 to 200 mm Hg 

Fig. 4. Mechanical Properties of vascular grafts. Uniaxial tensile properties were determined for a range of silk formulations to determine the difference in properties 
as a function of molecular weight and concentration. Concentrations of 9% w/v for 5 MB, 14% w/v for 10MB, 17% for 15MB and 25% w/v for 20MB silk solutions 
were tested. (A) From the resulting stress strain curves (representative curves shown here for low (20 MB), medium (10 MB) and high (5 MB) molecular weights) the 
young's modulus was calculated from the slope of the linear region below 5% (C), and Poisson ratio was calculated as the ratio of transverse strain to axial strain (D). 
The suture retention strength (B) was defined as the force required to pull through the tube or cause the wall to fail. There was a linear trend with decreasing elastic 
moduli (indicative of greater elasticity) and decreasing suture retention strength as the molecular weight increased and the concentration decreased. 
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and wall compliance could be modified by changing the graft dimen-
sions and/or material properties. An exemplary parameter of graft 
thickness was used as a proof of concept (Fig. 5B) and resulted in an 
inverse linear relationship with compliance (thinner graft, with a lower 
elastic modulus result in a lower compliance). FEA model showed that 
by lowering the graft thickness from 200 μm to 100 μm with an elastic 
modulus below 2 MPa and compliance levels above 6 mm Hg × 10−2 

could be achieved. The highest molecular weight graft (5 MB) had an 
average elastic modulus of 1 MPa and the model predicted using this 
formulation and controlling graft thickness compliance levels sur-
passing those of the saphenous vein (4 mm Hg × 10−2), the gold 
standard, could be reached. 

3.6. Experimental Compliance 

To validate the computational model, the compliance of the various 
grafts was experimentally tested (Fig. 5A). The model predicts that graft 
compliance is heavily influenced by tube wall thickness and modulus, 
the latter being dictated by the gel spinning solution concentration. 
Several methods are used to measure compliance using change in dia-
meter and change in volume [25–28] in both static and dynamic con-
ditions [29,30]. We chose to use a static compliance measuring the 
change in diameter to most closely relate to our mechanical model. The 
compliance of tubes made from four different molecular weight silks (5, 
10, 15 and 20 MB) was tested using a custom compliance tester. For 
these experiments the average gel-spinning silk concentration for each 
molecular weight composition was used as a representative case 
(8,14,18, and 25 respectively). Trends in experimental compliance 

values matched those predicted by the numerical models, with lower 
molecular weight showing higher compliance (Fig. 5B). However, the 
model predicted higher compliance values than was directly measured. 
It was speculated that considering more accurate end effects (consistent 
with the experimental set up including needles) and more accurate 
geometry such as a 3D scan of grafts would improve the model to match 
the experimental compliance. With the current system both experi-
mentally and analytically it was demonstrated compliance levels 
(3.3 mm Hg × 10−2) comparable to the gold standard saphenous vein 
(literature reported 4 mm Hg × 10−2) and surpassing synthetic grafts 
such as PTFE and Dacron (Fig. 5B) could be reached. 

3.7. Implantation of tubes in rat interpositional model and histology 
analysis 

Silk grafts were implanted in the abdominal aorta of Sprague- 
Dawley rats via an end-to-end anastomosis model. The rats exhibited no 
signs of acute thrombosis and were monitored throughout the study for 
any signs of impaired health, clotting or lower limb ischemia. Twenty- 
one rats were used for these studies, 7 used for each of the 5, 10 and 
20 MB groups. Ten rats did not survive the surgical procedure beyond 
24 h, due to a surgical complication. Cause of acute death included 
exsanguination during the surgery, an anesthetic complication due to 
the long ischemic time, or loss of lower limb function requiring eu-
thanasia immediately post-surgery. Of the 11 surviving rats, 4 rats were 
retrieved at either 1, 3 or 6 months and were found with fully occluded 
grafts (2 grafts were 5 MB, 1 was 10MB and 1 was 20MB). There were 2 
rats for the 10MB group that were patent (both were recovered at 1 

Fig. 5. Experimental and model compliance of vascular grafts. (A) Compliance was measured experimentally using a custom pressurization device, composed of a 
programmable syringe pump, a holding chamber, a camera and two in-line pressure transducers. Tubes made with concentrations of 8% w/v for 5 MB, 14% w/v for 
10MB, 18% for 15MB and 25% w/v for 20MB silk solutions were tested. (B) A Finite Element Model was made using ABAQUS simulating the experimental 
compliance test. The model considered a cylinder fixed at both ends, the longitudinal, radial and circumferential stresses were calculated using quasi static analysis 
where the cylinder was pressurized from 0 to 200 mm Hg in increments of 0.005 mm Hg. The predicted compliance as a function of thickness and elastic modulus is 
plotted (right). The predicted compliance, experimental compliance and compliance values derived from literature are compared (left). 
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month) and showed similar histological results. There was only 1 rat 
receiving a 5 MB graft that survived and had a patent graft (at 1 month). 
There were 4 rats in the 20 MB group that survived and had patent 
grafts, 2 of which were recovered at 1 month and showed similar his-
tological results. At either 1, 3 or 6 months post-operatively the grafts 
and adjacent native blood vessels were harvested for histological eva-
luation. Patent grafts were recovered for every silk extraction condition. 
The native vessel was inspected histologically at points distal and 
proximal to the anastomosis and were found to be typical in appearance 
(data not shown). Graft cross sections were processed histologically and 
assessed for pore wall morphology, tissue deposition, cell phenotype 
and inflammatory responses. 

In order to extend our previous findings [14], 20 MB formulations 
were first taken out to 6 months with interim explants at 1 and 3 
months (Fig. 6). Verhoff's and trichrome staining indicated that abun-
dant elastic fibers and collagen, respectively, were present throughout 
the time course of the study and localized to the interior of the graft 
walls and adventitia surrounding the 20 MB grafts. Comparatively little 
extracellular matrix was visualized within the pore walls of the 20 MB 
formulation, until 6 months when larger voids had formed in the pore 
wall, facilitating cellular and extracellular tissue ingrowth. Most of the 
graft remodeling seemed to occur between months 3 and 6, though the 
graft wall became progressively thinner and more compact over time. 

Host cells rapidly migrated along the entire 10–15 mm graft inner 

Fig. 6. Histological cross-sections of 20 MB grafts 1, 3- and 6-months post-implantation. Adjacent sections were stained for Verhoff's elastic (VE), trichrome, Factor 
VIII (FVIII) and smooth muscle actin (SMA). For each stain images are shown in low (20 × , top) and high magnification (40 × , bottom) corresponding to the box in 
the image above. Arrows indicate areas of clear positive IHC staining. Histology images shown were taken midgraft. The scale bar (500 μm) is common to all images. 
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lumen within 1 month and created a confluent endothelium (FVIII 
stain) which persisted for 6 months. Concurrently, smooth muscle cells 
were co-located with the areas of most well-developed elastic tissue, 
mostly found in the interior of the graft wall and with sparse staining in 
the outer adventitia. H&E staining indicated uniform cellularity along 
the graft exterior surface with no clear formation of any multi-nu-
cleated foreign body giant cells (Fig. 9), suggesting the silk material was 
well-tolerated and did not elicit persistent inflammatory reactions. 
CD31 staining confirmed localization of endothelial cells and indicated 
very minimal persistence of acute inflammatory neutrophils or mono-
cytes at any time point (Fig. 9). In contrast to the response to the 20 MB 
graft, the higher porosity grafts (5 and 10 MB) had much more pro-
nounced cell and tissue infiltration into the pore walls by 1 month 
(Fig. 7). Verhoff's and trichrome staining revealed significant tissue 
deposition in dense pockets within the pore walls of the 10 MB graft. 

This tissue was more continuously deposited across the entire wall 
of the 5 MB grafts, in addition to the adventitia surrounding the graft. In 
both 5 and 10 MB grafts the presence of smooth muscle and endothelial 
cells were again biased towards the inner lumen; however, in contrast 
to the 20 MB grafts, the more porous grafts enabled cell infiltration to 
occur earlier and far more abundantly. CD31 and H&E staining of the 5 
and 10 MB grafts appeared similar to the 20 MB grafts at 1 month in 
terms of the cell types present and overall inflammatory responses to 
the graft (Fig. 9). The 5 MB grafts showed signs of mechanical failure at 
the suture walls, which limited further investigation of more implants 
at later time points. This behavior was attributed to the in vitro char-
acterization which showed that highest molecular weight formulations 
(5 MB and 10 MB) were more compliant but had the lower suture re-
tention strength. 

4. Discussion 

The gel-spinning process was directly influenced by molecular 
weight; therefore, spinnable concentration ranges were identified 
across a wide range of molecular weights to define new processing 
windows for structure control. It has been established that porosity of 
graft materials can enhance cellular infiltration, with higher porosity 
leading to endothelization and higher long term patency (up to 6 
months) [31]. While some vascular grafting studies using ePTFE sug-
gested that pores > 30 μm (as defined by inter-nodal distance of the 
fabric) promoted maximal patency in baboons and [1,32,33] later 
studies in dogs using PU grafts with more defined and interconnected 
pores suggested that pore sizes of 5–30 μm could also promote en-
hanced patency compared to non-porous equivalents [31]. Designing 
grafts with bigger more interconnected pores, lead to thinner less dense 
pore walls. Pore wall thickness and porosity are hard to control in-
dependently of each other and more work is needed to decouple these 
factors from each other, though controlling the temperature and rate of 
freezing are potentially options worth further exploration. In prior 
studies described above, improved patency was attributed to improved 
transmural recruitment of endothelial cells, which was facilitated by 
enlarged routes of cell ingress. Interestingly, when compared side-by- 
side in a rat interpositional model [14], 30 μm-pore-sized PU grafts 
encouraged more rapid endothelial coverage than their ePTFE coun-
terparts, suggesting that interconnected and regular pores distributed 
through a graft luminal matrix may be more favorable than the textile 
architecture of commercially available ePTFE and Dacron grafts. 

There is an agreement within the field that mechanical incompat-
ibility of grafts leads to wall weakening, loss of endothelial cells, dila-
tion at anastomosis, intimal hyperplasia and thrombus formation [34]. 

Fig. 7. Histological cross-sections of 10 MB (top) and 5 MB grafts 1-month post-implantation. Adjacent sections were stained for Verhoff's elastic (VE), trichrome, 
Factor VIII (FVIII) and smooth muscle actin (SMA). For each stain images are shown in low (20x, top) and high magnification (40x, bottom) corresponding to the box 
in the image above. Arrows indicate areas of clear positive IHC staining. Histology images shown were taken midgraft The scale bar (500 μm) is common to all 
images. 
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In this dynamic mechanical environment, graft compliance and 
strength must be in balance so as to conserve the optimal hemodynamic 
shear stresses within the vessel [35]. It has been shown that even small 
disturbances in the mechanical environment can make a vessel me-
chanically unstable. Mismatch in compliance can result in a mechani-
cally unstable environment disturbing the local cell mechanical en-
vironment and lead to aneurysm or occlusions [36,37]. These factors 
are exacerbated in small diameter grafts where there is low flow blood 
and any impedance in flow can easily lead to occlusions. The me-
chanical properties of native and graft materials for vessel regeneration 
have been widely studied [38]. The trend in mechanical properties of 
common graft materials are balanced between strength and compliance 
with synthetic materials with elastic moduli in the GPa and MPa ranges 
resulting in low compliance (1–5 radial change per mm Hg × 10−2) but 
high burst pressures (~1000's of mm Hg) [34,35,38]. These materials 
are used for replacement of large diameter vessels where high burst 
pressures (2000–5000 mm Hg) are needed but still are not able to 
match native compliance (~20 radial change per mm Hg × 10−2). For 
small diameter grafts their stiffness causes significant mismatch in 
compliance. Natural protein based grafts [39–44] and optimized syn-
thetic materials [45,46] can be optimized to have lower elastic moduli 
(0.1–10 MPa) and therefore higher compliance levels that can match 
gold standard (saphenous vein) for small diameter vessels (~4 radial 
change per mm Hg × 10−2). These grafts also have suture retention 
strength similar to the gold standard (~2.5–3 N) [47]. In the present 
work it was demonstrated that graft mechanical properties could be 
controlled by molecular weight and concentration. Modified mechan-
ical properties of the tubes were attributed to both changes in polymer 
lengths constituting the matrix of the pore walls and the porosity of the 
resulting structure. With high porosity and low molecular weight, the 
graft structure was more flexible with lower elastic moduli (1 MPa), 
higher compliance (3.3 radial change per mm Hg × 10−2) but low 
suture retention strength (0.25 N). While the results of compliance 
modeling suggest a route to obtain tissue-matched properties with more 
porous tubes, their lower suture retention strength enhance surgical 
risk and propensity for long-term mechanical failure. These systems 
provide a new basis to evaluate factors which may influence the pa-
tency of small-diameter tubes in ongoing small animal studies. Future 
studies can use these initial results and models to optimize the material 
or create composites to further increase elasticity while retaining 
strength. Future studies should also characterize the performance of 
grafts under cyclic deformation to understand whether grafts can resist 
long term deformation. 

The use of constitutive and structural models that predict mechan-
ical response have been thoroughly developed for natural vessels [48] 
and graft materials [49]. These models range from computational fluid 
dynamic models to analyze fluid flow, finite element analysis [49,50] to 
understand case specific mechanical predictions, to more complex nu-
merical tools that employ hyper elastic models [51] and structure-fluid 
interactions [52]. In this work an analytical and FEA model was created 
with some basic assumptions to predict mechanical properties-based on 
quantifiable material parameters for a natural biopolymer. As such this 
model can be easily translated to different material formats, composites 
or a variety of geometries. Similar approaches have been taken with 
synthetic materials [53] such as aliphatic polyurethane [54], by using 
constituent material properties and both analytically and via FEA pre-
dicting the graft burst pressure and compliance. Castillo-Cruz's analy-
tical and FEA model for circumferential strain and compliance was also 
based on the elastic properties of the constitutive material (elastic 
modulus and Poisson's ratio). The compliance of synthetic grafts was 
low (1.05%/100 mm Hg−1) and was attributed to the stiffness of the 
material (elastic modulus of 4.63 MPa). Similar approaches have also 
been taken with biopolymer composites using FEA models [55] to 
predict compliance based on material properties and graft dimensions. 
Other groups [56] have used silk reinforced gelatin scaffolds whose 
elastic moduli could be tuned by controlling percentage of silk. Through 

FEA they found their optimal formulation required a low elastic mod-
ulus of 0.1 MPa and graft thickness of 3 mm to reach comparable levels 
of compliance to native arteries. However, they found that by de-
creasing the stiffness of the grafts this resulted in lower mechanical 
strength leading to burst pressures at lower than physiological pres-
sures. 

The model created in this work was based on elastic theory of thick- 
walled cylinders had some limitations and took certain assumptions (a 
smooth cylindrical geometry and an assumption of linear elastic and 
isotropic material). The lyophilized silk material showed a linear be-
havior at physiological strain (around 1%). However, the porous 
structure of material was not considered. To improve model accuracy a 
hyper foam model [57] that takes graft geometry and porosity (via 3D 
scanning) into account could be developed. Analytical models for 
closed and open cell foams [58] could also be implemented to better 
understand the behavior of this porous material. These models can help 
elucidate the connectivity of the material in the porous network and 
further understand its mechanical behavior. Finally, edge effects of the 
anastomosis were ignored in the current model, which for design pur-
poses was practical. The graft dimensions used for the model were: 
10–15 mm length, 1.29 mm inner diameter, 0.1–0.2 mm thickness. 
Using these dimensions, the radius to thickness ratio would be ~10 and 
thickness to length ratio would be ~100. Under these condition edge 
effects should be insignificant. While beyond the scope of this work 
considering stress concentrations at the anastomosis site could still 
improve predictions of performance in vivo. 

In vivo results show that increase in porosity led to accelerated graft 
remodeling via higher cellular infiltration and tissue deposition. All 
implanted grafts showed good development of neointima and the pre-
sence of mature smooth muscle and endothelial cells forming a con-
fluent endothelium at 1 month which remained intact up to 6 months. 
The presence of these phenotypes over 6-month time course indicate 
positive remodeling of the graft over time. While the graft wall pro-
gressively decreased in thickness over 6 months there was a concurrent 
increase in large voids, presumably from cell-mediated enzymatic 
breakdown of the silk matrix. The presence of smooth muscle and en-
dothelial cells biased towards the inner lumen of the grafts indicated 
cells were not able to fully penetrate across the less porous graft wall, 
limiting integration. The lack of transmural tissue ingrowth was at-
tributed to the density of the graft and further work should be done to 
create thinner walls while retaining the mechanical strength of the 
graft. Histology showed that higher molecular weight grafts had pore 
architecture that reflected those seen in SEM cross sections with greater 
pore size and interconnectivity throughout the entire thickness of the 
graft. As a result, in higher molecular weight (5 MB and 10MB) grafts 
earlier and greater infiltration of cells and deposition of collagen 
through the graft wall was seen but tissue ingrowth was still biased 
towards the inner lumen. For the higher porosity tubes (higher mole-
cular weight 5 MB and 10MB) no patent grafts were seen past 1 month. 
These grafts showed signs of mechanical failure at the suture walls 
which potentially led to infiltration of inflammatory cells, platelet de-
position and eventual activation of the clotting cascade leading to an 
occlusion. These in vivo observations matched the in vitro character-
ization which showed that highest molecular weight formulations 
(5 MB and 10 MB) were more compliant but had the lower suture re-
tention strength. It appears tubes constructed of 10 MB silk contained 
the best balance of suture retention properties and cell infiltration 
properties. In our prior work [14], we evaluated the thrombogenic 
potential of silk compared to other materials in vitro. We found that the 
amount of protein adsorbed onto the silk films was lower than that of 
the PTFE films. We also observed platelets adhered to silk displayed a 
morphology close to that found on surfaces known to not activate 
platelets (collagen, BSA-coated glass). Future studies may focus on 
improving hemocompatibility of these more porous grafts or identifying 
layered or blended composites to improve long-term patency. 
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5. Conclusions 

The goal of the present study was to optimize silk solution proper-
ties to enhance the porosity of gel-spun silk tubes. We hypothesized that 
more porous tubes composed of silk would degrade faster and improve 
rates of cellular ingress, while maintaining requisite mechanical func-
tions, eventually improving host integration over time. Functional gel 
spinning was established across a range of silk concentrations and 
molecular weights. Degradation times in vitro increased with increasing 
molecular weight due to larger pores sizes and broader pore size dis-
tributions. Graft elasticity increased, and strength decreased as mole-
cular weight and porosity increased. Material properties (elastic 
moduli) that resulted in optimal graft compliance for vascular appli-
cations were established but the lack of strength of these grafts led to 
difficulty deploying in vivo. However, this preliminary data could be 
used in the future to create bilayers and improve strength at anasto-
motic sites. Bilayer or composite grafts could be designed with a gra-
dient of low molecular weight, higher strength at the ends (anastomotic 
sites) to higher molecular weight, higher porosity and more elastic 
formulations towards the middle of the grafts. These initial results 
further demonstrated the versatility in this silk gel spinning platform 
and underscored the importance of fine-tuning pore architecture in 
directing host integration in vascular systems. 
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